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Preface

Since the fundamental studies by Galvani and Ritter in the late eighteenth century,

it has been understood that there is a close relationship between electrical and

biological phenomena. Currently, bioelectrochemistry is a very active field, with

extensive research devoted to studies of biopolymers (DNA, proteins), bioenerget-

ics, biomembranes, and electrochemical applications in medicine or biotechnology.

Bioelectroanalysis represents a vital branch of bioanalytical chemistry. According

to its interdisciplinary character, electroanalysis integrates aspects of bioelectro-

chemistry and analytical chemistry. Bioelectroanalytical studies comprise either the

incorporation of biological systems and principles into an electrochemical concept

or the use of electrochemical methods to generate analytical information regarding

biomolecules/biological compartments.

In this third volume of the series Bioanalytical Reviews, a selection of trend-

setting topics in the field of bioelectroanalysis is presented. Ocvirk and colleagues

contribute a comprehensive overview concerning the electrochemical biosensing of

glucose for diabetes care. Due to enormous practical importance, this research area

has attracted continuous interest for decades. The authors provide a detailed review

from an industrial research and development perspective. Cort�on and Mikkelsen

present a survey of bioassay applications for individually addressable electrochem-

ical arrays, illustrating the significant progress in this field. The focus is on liquid-

phase bioanalytical assays. The context of implementation of electrochemical

arrays is continued by del Valle who discusses recent advances in the development

of electronic tongues based on the use of biosensor arrays coupled with advanced

chemometric data analysis. Vyskocil and Hájková summarize novel strategies of

DNA biosensor development and corresponding applications for studies of DNA

damage. The contribution by Vatsyayan represents the important research area of

electrochemistry of redox proteins. Recent trends, including increasing diversity of

redox proteins used in electrochemical studies, novel immobilization strategies, and

biosensor/biofuel cell applications, are surveyed. The review by van der Weerd

et al. provides an overview concerning ongoing developments in the field of

v



electrochemical sensing of blood gases with advanced sensor concepts. Last, but

not least, L. Nagy and G. Nagy address the important aspects of bioelectroanalytical

studies with high spatial resolution. Their contribution summarizes recent achieve-

ments in bioanalytical applications of scanning electrochemical microscopy. A

wide range of applications covering imaging of living cells, studies of metabolic

activity, imaging of local enzyme activity, and studies of transport through

biolayers are surveyed.

I wish to express my appreciation to all of the authors who contributed to this

book project with in-depth review articles illustrating current trends in the research

area of bioelectroanalysis. This timely collection of important activities in

bioelectroanalytical research directions will be of interest not only for experts in

the field but also to students and their teachers in disciplines that include analytical

chemistry, biology, electrochemistry, and various interdisciplinary research areas.

Regensburg, Germany Frank-Michael Matysik

Summer 2016
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Electrochemical Glucose Biosensors

for Diabetes Care

Gregor Ocvirk, Harvey Buck, and Stacy Hunt DuVall

Abstract Blood glucose monitoring (BGM) is the most successful application of

electrochemical biosensor technology and has motivated tremendous improve-

ments in biology, chemistry, measurement, and fabrication methods of biosensors.

The performance of electrochemical biosensors used for BGM has improved

greatly over the last four decades. Technological advance has allowed to measure

blood glucose (BG) over a wide range of glucose concentration, a wide temperature

and hematocrit range in the presence of an abundance of interfering substances with

ever-increasing accuracy, and precision in minute sample volumes. The use of

optimized enzymes, mediators, and electrochemical measurement methods enables

this tremendous progress in performance. Continuous glucose monitoring (CGM)

systems based on minimally invasive amperometric sensors, inserted into the

subcutaneous tissue, have significantly improved over initial offerings over the

last 15 years with regard to time of use, accuracy, reliability, and convenience due

to a multitude of parallel advances: materials needed for enzyme immobilization,

polymeric cover membranes, and biocompatible coatings needed to tackle the

response by the complex body interface have been developed; wireless transfer

and processing of unprecedented data volume have been established; effortless and

painless insertion schemes of ever smaller sensors have been realized in order to

overcome the concerns of persons with diabetes (PwDs) to use a minimally invasive

sensor; and scalable manufacturing technologies of miniaturized minimally inva-

sive sensors have allowed for ever improved reproducibility and increased produc-

tion volume. Looking ahead, the demands on blood glucose system performance
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are expected to grow even as the pressures to lower the cost of systems increase.

The drive for the future is to continue to push the limits on system performance

under real-life conditions while lowering cost, all while finding ways to provide the

best medical value to PwDs and healthcare providers. Technical issues of commer-

cially available CGM sensors remain to be solved which currently impede reliable

hypo- and hyperglycemic alarms, safe insulin dosing recommendations, or insulin

pump control at any time of use. It is realistic to assume that continuous glucose

monitoring (CGM) systems will be adopted in the future by a larger population of

PwDs. Yet it is also clear that BGM systems will remain a major choice of the great

majority of PwDs on a global scale. This review offers a technical overview about

user, system, and major regulatory requirements and available suitable sensor

technology and demonstrated performance of electrochemical BGM and CGM

systems from an industrial R&D perspective.

Keywords Continuous glucose monitoring • Diabetes care • Electrochemical

biosensor • Enzyme electrode • Medical device • Patient with diabetes • Self-

monitoring of blood glucose • Sensor coating • System performance • System

requirements
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1 Introduction

Glucose measurement has become an essential part of medical diagnostics, partic-

ularly for persons with diabetes (PwDs) [1–3]. It is a broad topic, encompassing

glucose measurement in different sample matrices, such as blood, plasma, serum,

and urine, as well as different settings, for instance, so-called home use (self-

monitoring of blood glucose, SMBG), continuous glucose monitoring (CGM),

point-of-care blood glucose monitoring (POC), and clinical glucose analyzers.

Over the last 50 years, tremendous advances have been made in glucose

biosensing from the first proposal of a glucose measuring device based on glucose

oxidase (GOx) and an oxygen-sensing electrode in 1962 [4]. Glucose biosensors

encompass the major portion of the biosensor market at approximately 85% of the

global market [5]. The success of glucose monitoring, particularly SMBG, is

remarkable for both the impact on PwD health and commercialization of the

technology. There are several other markers that are useful for diabetes manage-

ment, for example, HbA1c, ketone bodies, fructosamine, and glycated albumin.

While some of these markers are critical for long-term management of diabetes

(HbA1c) or immediate medical crisis (ketone bodies), none have had the most wide-

reaching utility and benefit for PwDs as reliable glucose measurement [2, 6–

11]. Reduction in HbA1c has been shown to be closely tied to effective glycemic

control in which glucose monitoring plays an integral role.

For a PwD, the following glucose measurement methodologies may be used;

clinical analyzer measurements of plasma or serum levels of blood glucose are used

for the diagnosis and treatment of diabetes [2, 12, 13]; POC blood glucose monitors

are used for monitoring blood glucose in a hospital or clinic scenario [14, 15];

SMBG is used for monitoring of blood glucose outside of a healthcare setting

[16, 17]; and CGM is used to monitor a PwD’s glucose profile with high time

resolution as an adjunct to SMBG. SMBG and CGM are the focus of this work.
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2 General Aspects of Glucose Measurement

2.1 Requirements for Development, Manufacture, and Sale
of Glucose Sensors for Diabetes Management

Glucose sensors for diabetes management are either in vitro diagnostic devices

(BG) or medical devices (CGM), and as such the development, manufacture, sales,

and distribution are strictly regulated by government agencies in all significant

markets. In the United States, the Food and Drug Administration (FDA) regulates

all aspects of the process and approves devices for sale in the United States. In the

European Union (EU), CGM systems need to comply with respective medical

device directives (90/385 or 93/42 EC), and the conformity assessment requires

the involvement of a notified body. Devices which receive the Conformité

Européenne (CE) mark may be sold in all EU countries. Several recent publications

provide useful overviews of the requirement of the FDA and in the EU [18–21] and

on efforts to standardize and harmonize requirements [22].

In the USA, blood glucose sensors for diabetes management are classified as

class II devices, meaning they present a moderate risk of harm to the user in case of

device failure. In the USA, sensors used in laboratory settings and sensors for BGM

are approved through the process of a 510(k) or premarket notification. In this

process, the manufacturer must provide evidence to the FDA that the product is

substantially equivalent to a product already marketed, referred to as the predicate

device. This initially referred to products marketed at the time of the establishment

of the FDA authority over medical devices (1976). In contrast, sensors for CGM are

classified as class III devices and therefore have to date been approved through the

premarket approval (PMA) process. This is a more stringent evaluation, which

requires a reasonable assurance, based on valid scientific evidence, that the device

is safe and effective in fulfilling the intended use.

In Europe, sensor systems for in vitro glucose monitoring underlie the in vitro

Diagnostic Medical Devices Directive 98/79EC(IVDD), which lists “Essential

Requirements” regarding design, production, and labeling, which must be fulfilled

prior to marketing the system. Sensor systems for professional use require manu-

facturer self-certification of conformance with the directive. Personal use systems

for BGM require a conformity assessment which includes the involvement of a

notified body. The medical device directives 93/42EC (MDD) establish the classi-

fication and approval framework for invasive glucose monitoring systems. Sensors

for single 7-day use are classified as class IIa devices, presenting low-to-medium

risk of harm to the user. CGM sensors used for longer than 7 days are classified as

class IIb devices, and require testing to verify biological safety and lack of cyto-

toxicity. The manufacturer must demonstrate to a Notified Body that the require-

ments of the MDD have been satisfied. The product is then marked with a CE mark

and may be sold within the European Economic Area (EEA).

The regulatory framework for medical devices begins long before the approval

for marketing a product with design controls over the development process and the

establishment and maintenance of a suitable Quality System according to 21 CFR

4 G. Ocvirk et al.



820 [23] or ISO 13485. Since single-use devices cannot be tested after manufacture

and prior to use, the materials and processes used to produce the devices must be

validated to ensure that the resulting product performs according to specification.

For the high-volume processes used for production of BGM sensors, this is by far

the most time-consuming and costly part of the product development process.

Material specifications must be established and validated with analytical proce-

dures and limits testing. Process equipment must be specified, qualified and vali-

dated, and limits of all process parameters established and tested. Packaging and

labeling is also a significant part of the product and subject to the same standards.

Testing and validating the performance of the sensors requires testing on human

subjects, primarily PwDs, both through the development process and to provide

data for the required regulatory submissions. These evaluations fall under the

regulations which govern the conduct of clinical trials. In the USA, this requires

the approval and oversight of the trials by an Institutional Review Board (IRB),

development of the appropriate protocols for recruitment of subjects, execution of

the study, evaluation and documentation of results, and reporting of adverse events

[24]. In Europe the parallel structure requires the approval and monitoring of

studies by an Ethics Committee. The documentation overhead significantly

increases the development time and cost.

Devices must then be manufactured according to validated processes and records

created and maintained to establish that fact. The manufacturer must also maintain

a system for documenting and analyzing customer inquiries and complaints. A

system for Corrective and Preventive Action (CAPA) must be established and

maintained. Reports of problems or product malfunctions must be investigated,

and in serious cases, the product might need to be recalled from the market, at great

expense. 21 CFR 806 [25] gives detailed instructions for the handling of notifica-

tions and product recalls in the USA. Deaths and serious injuries which a device has

or may have caused or contributed to and certain device malfunctions must be

reported to the responsible regulatory agency. In the USA, a medical device report

(MDR) is required to be filed with the FDA. Records of all of these systems and

processes must be complete and made available to the agency on request. 21 CFR

803 [26] details the requirements for medical device reporting in the USA. In the

EEA, a manufacturer must establish and maintain a systematic procedure to review

experience and report to the competent authority any malfunction, failure, or

deterioration (see MEDDEV 2.12-1 for further details [27]).

Some practical and commercially important aspects of the development, pro-

duction, and sale of sensors are not regulated but vital for the commercial success of

a product. Production processes are typically scaled for the projected sales quanti-

ties, and in the case of BGM sensors, this can be in the billions of sensors per year.

While the lower volume processes of the smaller manufacturers can be scaled

through parallel replication, this is not economically efficient at the scales required

by the major manufacturers. The efficiencies derived from highly automated pro-

cesses allow the high-volume producers to maintain very high quality at sufficiently

low unit production costs. A highly automated process requires significant capital

investment in design, installation, and qualification, so the process must be

Electrochemical Glucose Biosensors for Diabetes Care 5



correctly scaled to the expected volume. Scaled-up production of medical device

prototypes is more complex than frequently assumed [28]. Scalable manufacturing

methods must be employed early on in the development cycle to ensure production

of representative functional test models and prototypes and also in order to ensure

that test performance which can be achieved with prototypes can be replicated on a

production level. Given the expense of establishing a highly automated and vali-

dated process, thorough development of a product design, which meets all perfor-

mance and handling aspects, must precede investment into particular

manufacturing equipment. It was rightly pointed out [29] that an insufficient design

cannot be compensated for by good manufacturing practice.

Reliable delivery of product requires suppliers which reliably deliver the mate-

rials in the required quantity and quality over product lifetime. Often, second or

even third sources for critical reagents and materials must be developed and

validated to ensure supply reliability. A material which is used for other purposes

than medical device manufacturing can be particularly challenging, as specifica-

tions or material property changes which have no impact on most users may

significantly impact the medical device manufacturer. For example, a polymeric

material which is suitable for nonmedical use may not be applicable for an

implanted CGM sensor due to sterilization requirements and subsequent necessity

of proving toxicological safety. Materials which can be used in a consumer product

may not be able to be combined in a medical device due to material interactions

over time of storage which leads to deterioration of performance or even safety.

BGM sensors are rarely shipped directly from the manufacturer to the end user,

but typically require a distribution chain of shippers, wholesalers, and retailers. The

product must be stable at the conditions required for the time needed to reach the

user, which can be up to 18 months, and the storage conditions must be monitored

to verify compliance to the product limits. In the case of BGM sensors, which are

typically provided in a primary package of 50 sensors, they must also be stable

throughout the use time until the package is empty. The package is usually provided

with a desiccant, such as silica gel, to maintain a dry environment for the reagent.

This package will be opened and closed up to 50 times in the uncontrolled

environment of the user. The sensors and desiccant must survive this repeated

opening and closing even in challenging environments, such as high temperature

and high humidity. Sensors which have been exposed to conditions which might

render them inaccurate should be detected in some fashion, and not be allowed to

report a value [30].

CGM sensors are currently shipped directly to the user in smaller packages,

since they may have shorter expiration dating after sterilization. However, room

temperature storage, equally a standard for BGM and CGM sensors, requires robust

sensor designs and extensive testing prior to product launch for both applications.
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2.2 Glucose Measurement Systems for Different Use Cases

Different use cases in diabetes care require different glucose measurement systems.

Three types of setting for glucose measurement can be defined as clinical,

healthcare provider (HCP), and patient self-monitoring, including both SMBG

and CGM. Each of these settings has different requirements for performance and

regulatory approval. In addition, the requirements for regulatory approval are

different, depending on the market the product is sold in. The performance and

regulatory requirements for SMBG and CGM are discussed in their respective

sections.

Glucose measured on clinical systems, which are also called Central Laboratory

Systems, are the primary method for diagnosing diabetes mellitus because these

instruments are able to provide the high degree of accuracy in glucose measurement

needed. These instruments are generally large and perform the glucose measure-

ment under very controlled conditions. The majority of clinical analyzer systems

are based on optical measurements. An exception is the 2300 STAT Plus Glucose

and Lactate Analyzer, produced by YSI Life Sciences, which is based on an

electrochemical method using immobilized GOx [31].

Since lab analyzers are based on a variety of analytical methods, requiring

different pre-analytical analytical steps and measurement methodologies, the time

required to obtain a glucose measurement varies widely with the type of instrument

used. The measurement time to acquire the glucose measurement may range from a

little over 1 to 15 min. When sample handing and pre-analytical steps are taken into

account, the time from collecting the sample to obtaining a glucose result may take

up to 90 min, whereas the time to complete a POC blood glucose measurement is

approximately 5 min [32–34]. One consequence of the variability in test time and

analytical methodology for clinical analyzers is the significant system-to-system

variability, as well as laboratory-to-laboratory variability, in reported glucose

values [35, 36]. The trade-off for the potential excellent system performance for

clinical analyzers is longer time for a final glucose value.

POC glucose testing is defined as glucose testing which is performed at or near

where the patient is located, e.g., in a hospital or in a healthcare provider setting,

outside of a clinical laboratory with a portable instrument. POC testing is generally

held as separate from SMBG, given the difference in requirements for testing in a

POC setting, such as hygiene, system suitability checks, sample type (capillary,

venous, and arterial blood), and accuracy. POC systems often have more special-

ized data management requirements as well, where patient information and test

results are tracked in a patient data management system.

CLSI has established guidelines for the use of POC glucose monitoring systems

and the controls around such systems through consensus, POCT12-A3 [37] and

POCT13 [15]. In these guidelines, practices to ensure proper hygiene, quality

control (including training and operator proficiency requirements), performance

requirements, and documentation are described. POCT12-A3, for use in acute and

chronic care facilities with laboratory support, describes acceptable performance
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for POC meters when at least 95% of measured glucose values are within �12 mg/

dL (glucose values below 100 mg/dL) and 12.5% (glucose values at or above

100 mg/dL) of a reference value and when at least 98% of the measured glucose

values are within �15 mg/dL (glucose values below 75 mg/dL) and 20% (glucose

values at or above 75 mg/dL). These performance requirements are more stringent

than what is required for over-the-counter (OTC) SMBG systems. POCT13, for use

in facilities without laboratory support, suggests that the ISO 15197 standard [17] is

used for system performance and that the user be aware of limitations for use for the

system in use, particularly with respect to interferences. In both guidelines, require-

ments for an infection control program are suggested as a means of minimizing the

risk of blood-borne pathogen transmission when a single device is used with

multiple patients, including wearing gloves during the testing procedure and

changing gloves between patients, hand washing immediately after glove removal,

using a unique lancing device which is assigned for a single patient which is never

used for multiple patients, and assigning a BG meter to a particular patient unless a

system can be adequately cleaned between uses for multiple patient use.

The FDA has also issued a draft guidance regarding the manufacture and use of

blood glucose monitoring systems for POC use [14]. This guidance contains similar

information to POCT12-A3 and POCT13, but is geared toward the manufacturer of

POC blood glucose devices. The FDA guidance contains more specific and strin-

gent requirements, especially with respect to cleaning and disinfection procedures,

as well as performance requirements. Descriptions of performance testing, such as

precision, intermediate precision, accuracy in the hands of the intended user with

each claimed sample type (e.g., capillary, arterial, venous, or neonate), and inter-

fering substances, are detailed in this guidance. Of particular note, the accuracy

requirements are more stringent that what are laid out in ISO15197, 2013, with the

requirement that 99% of values are within �10% of the reference method for

glucose values�70 mg/dL and�7 mg/dL for glucose values<70 mg/dL. A further

requirement is that no individual glucose measurement may be outside the specified

range of �20% of reference value for glucose values �70 mg/dL and �15 mg/dL

for glucose values<70 mg/dL. In addition, the draft guidance states that the system

should be able to measure blood glucose accurately over the range of 10–500 mg/

dL. The draft guidance has elicited much commentary from both experts and

industry, both positive and negative. Some researchers and users applaud the new

guidance [38–40]. While it is generally recognized that POC blood glucose mon-

itoring systems should continuously improve performance to improve patient

safety, some groups object to the performance requirements in the draft guidance

as technically infeasible and will result in the loss of availability or change in device

characteristics of POC systems [38, 41, 42].

While most POC blood glucose systems are based on electrochemical measure-

ments, there is an optical system produced by HemoCue, the HemoCue® Glucose

201 system. Examples of electrochemical POC systems include Roche’s Accu-

Chek® Inform II and Nova Biomedical’s StatStrip™.

SMBG and current CGM are “home-use” scenarios, where the PwD is the

primary tester and are intended to provide the user with glucose information that
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allows them to manage diabetes on a day-to-day basis. While the general testing

principal for SMBG and CGM is often the same, i.e., electrochemical methods, the

characteristics of the sensors and the frequency that a BG value is produced are very

different. SMBG systems are in vitro systems where a single BG value is obtained

from a PwD after performing a finger stick by a lancing device, which is a medical

device. CGM systems are medical devices which are based on minimally invasive

sensors that measure glucose in interstitial fluid with a frequency of minutes and

remain implanted from 5 to 14 days. The specific characteristics of electrochemical

SMBG and CGM systems are the focus of this review and are discussed in Sects. 3

and 4, respectively.

2.3 Glucose Measurement Technology

The many commercially successful glucose measurement systems available today

for diagnosis and monitoring of diabetes all require sampling of a body fluid and

involve the use of enzyme-based assays. Attempts to accurately measure glucose,

or at least predict its concentration from its effects on the body tissue, without a

blood or tissue fluid sample, have been pursued as long as continuous sensor

technology. While the promise of noninvasive glucose monitoring [43, 44] remains

a strong desire among PwD, the unremarkable spectroscopic characteristics of

glucose and interfering physical and chemical properties have to date prevented

achievement of the required performance. Nonenzymatic glucose sensors currently

find application only in areas where specificity is not required, when no other

reducing sugar is present, or when specificity is achieved through some previous

process. Nonenzymatic glucose sensors are either based on direct oxidation of

glucose on an electrode or on affinity-based glucose assays. Direct oxidation-

based approaches have received increased interest due to increased nanomaterials

research [45–48]. Arylboronic acid, used for affinity separation of glycoproteins,

has frequently been the basis for affinity-based assays coupled with optical or

electrochemical detection schemes [49, 50].

Glucose measurement of biological samples in the clinical laboratory is histor-

ically primarily based on enzyme-based spectrophotometric assays. The current

standard laboratory tests use GOx/peroxidase, hexokinase and glucose-6-phosphate

dehydrogenase, or glucose dehydrogenase. These assays are robust, highly specific,

and economical. The recent development of assays for biological samples which

can be directly traced to NIST reference material [51] has improved the prospects

for standardization across different laboratory methods and sites. The first product

for decentralized or individual use, the CLINITEST® (still available as the BAYER
® CLINITEST®) for reducing substances in urine samples, used Benedicts’ reaction
employing the chemical reduction of Cu(II) to Cu(I). This test tube and reagent

tablet-based assay was followed by Clinistix®, also for urine samples, but now

employing the very specific enzyme GOx, along with peroxidase to generate a color

change from the hydrogen peroxide produced. The reagents were impregnated in
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paper pads laminated to plastic substrates to form the first generation of test strips.

[52–54]. Personal diabetes monitoring was greatly advanced by colorimetric test

strips for blood glucose measurement, which evolved from the urine test strips.

DextroStix® (Ames/Miles/Bayer) and Chemstrip BG® (Boehringer Mannheim/

Roche) began the success story of test strips with photometric readout [52] and

the currently widespread practice of diabetes self-management [55].

The introduction of the enzyme electrode for medical monitoring by Clark and

Lyons [4] led to the development of alternative sensor systems that found applica-

tion in clinical practice along with ion-selective electrodes. Fundamentally, an

enzyme in close association with an electrode surface reacts with a substrate, and

a product or co-substrate of the enzyme reaction is measured on the electrode. Clark

described an electrode with an adjacent membrane sandwich containing GOx- an

FAD-dependent oxidoreductase, which reduces oxygen as a co-substrate. Oxidation

of glucose to gluconolactone and subsequent hydrolysis to gluconic acid causes a

pH change that is measured with a pH electrode. Alternatively, the decrease of

oxygen concentration, which is a consequence of glucose oxidation and reoxidation

of the enzyme, can be determined with an oxygen electrode. Updike and Hicks

developed a miniaturized oxygen sensor with GOx immobilized in a hydrogel and

introduced a differential sensor construction that additionally measured ambient

oxygen [56]. Notably, the YSI 23A Glucose Analyzer by Yellow Springs Instru-

ments and the Beckman Glucose Analyzer became popular in clinical laboratories

for glucose in plasma or whole blood. The Beckman Glucose Analyzer was

introduced into the clinical laboratory in 1968 and used an oxygen electrode to

measure the rate of decrease in dissolved oxygen when GOx was added to a sample.

The YSI 23A combined the immobilized enzyme electrode with electrochemical

hydrogen peroxide detection [31], which was traditionally measured exclusively

photometrically using leuco dyes. Derivatives of the YSI 23A instrument remain

popular for use as reference methods for evaluating consumer glucose monitoring

systems. Disposable single-use sensors, based on electrochemical readout, were

first introduced by MediSense (ExacTech), followed by Accu-Chek® Advantage by

Boehringer Mannheim and FastTake® by Lifescan. Electrochemical sensors, con-

figured to operate in a “reagent-free” mode [57], avoid reagent leakage and

triggered the development of sensors for repeated glucose monitoring. Sensors for

continuous (or repeated) glucose monitoring were directly derived from these

reusable clinical enzyme sensors. In development almost since Clarke and Lyons’
proposal, CGM products were launched successfully by Minimed, Menarini,

Dexcom, and Abbott. Roche has a CGM system under development.

Electrochemical biosensor technology for glucose monitoring continues to

attract not only the interest of the large commercial manufacturers of sensors but

academic and clinical research groups. Many quality reviews of the status and

progress of the technology can be found in the literature [58–67]. The details of

operation, advantages and shortcomings, and prospects, and commercial consider-

ations will be discussed hereunder. Different generations of electrochemical sen-

sors will be introduced briefly. GOx-oxygen-hydrogen peroxide sensors came to be

known as first-generation sensors [68]. The natural availability of ambient oxygen
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makes first-generation technology useful for “reagent-free” analysis [57]. However,

the low solubility and resultant low concentration of oxygen in biological fluids

require measures such as sample dilution, diffusion barriers, or geometric arrange-

ments [69] to maintain analytical performance. GOx can also be reoxidized by

artificial electron acceptors, which themselves are reoxidized on an electrode.

Organometallic complexes such as ferrocene [70], ferricyanide [71], and osmium

complexes [59] are widely used. Small organic molecules, such as phenanthroline

quinone and nitrosoaniline [71], have advantages for certain uses. These artificial

electron acceptors are termed mediators. Sensors employing artificial mediators are

referred to as second-generation sensors. The ability to use a high concentration of

mediator improved the performance and manufacturability of sensors to the extent

that they became viable consumer products [72]. When used with GOx, mediated

sensors are subject to interference from varying concentrations of oxygen in the

sample. Thus, glucose dehydrogenases, which are unreactive with oxygen, were

introduced. PQQ-GDH, FAD-GDH, and NAD-GDH have all been used in second-

generation sensors [71, 73], and significant work in enzyme engineering has gone

into optimizing enzymes for specificity and stability [74–77]. The reduced cofactor

of glucose-oxidizing enzymes can also be directly oxidized on an electrode surface,

sometimes with the aid of surface modifications or small relays. Structured

nanomaterials such as metal and metal oxides [63, 65, 78, 79] and carbon structures

including graphene and fullerenes [64, 80, 81] have been reported, but are not yet in

commercial use. Transfer through the heme group of cytochrome units of enzymes

has been reported [82, 83]. Sensors according to this direct electron transfer

technology are referred to as third-generation sensors. These generations are a

convenient division, but not rigorous. The “wired enzyme” sensor of Heller

et al. [59, 84] combines second-generation mediators with immobilization in a

2.5 generation sensor.

3 Self-Monitoring of Blood Glucose (SMBG)

Self-monitoring of blood glucose (SMBG) is the measurement of blood glucose

values by a PwD for management of diabetes mellitus. SMBG is based on a “spot

monitoring” method, where a singular blood glucose value is collected from a

single blood collection, generally a finger stick. SMBG includes systems which are

nonintegrated, where a single disposable test strip is used at a time, or somewhat

integrated systems, where multiple test strips or test elements are included in a

single meter. SMBG has become an essential tool for management of diabetes,

especially for the patients using insulin therapy [9, 10, 85–101]. The utility of

SMBG has also been established for patients who are not on insulin therapy and are

instead using other means to regulate their blood glucose, such as oral or injected

medications and regulation of diet/exercise [88, 89, 91–94, 97, 101–114], although

there is no clear consensus on how often a PwD who is not using insulin should test

[115–120]. The debate around the timing and effectiveness of SMBG for Type
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2 (T2) is likely to continue as healthcare costs rise. As shown in the references

above, through the monitoring of BG, improved outcomes can be observed with the

lowering of HbA1c, PwDs can gain awareness of postprandial blood glucose

excursions, and effective behavioral modification and titration of medications can

be monitored. SMBG systems, including requirements, system descriptions, mea-

surement principles, sensor manufacturing, and system performance will be

discussed in the following sections, concluding with an outlook for SMBG.

3.1 Requirements

3.1.1 Personal User Requirements

PwDs have different testing needs depending on the type of therapy they are

undergoing. Generally, diabetes is classified into two categories, Type 1 (T1) and

Type 2 (T2). A very general definition of the types is that T1 diabetes, formerly

called insulin-dependent diabetes, is where the pancreas produces very little to no

insulin to regulate glucose. In T2 diabetes (formerly called non-insulin-dependent

diabetes), the PwD’s ability to metabolize glucose is changed, either by developing

insulin resistance or by reduced production of insulin. Therapy for T2 diabetes may

vary significantly based on the progression of the disease in the PwD and ranges

from oral medication, non-insulin injectables, and insulin therapy. A PwD who is

undergoing insulin therapy will have more extensive testing needs than someone

who is not undergoing insulin therapy. There is ever-increasing pressure to reduce

the cost of treating diabetes, including the price of blood glucose monitoring

supplies. The incidence of diabetes is rising, and the economic impact of diagnosed

diabetes, direct and indirect, in the United States has been estimated at $245 billion

in 2012, of which diabetes supplies (including testing supplies) are estimated to be

12% of that cost [121]. Consumers and payers are coming to regard diabetes meters

and strips as commodity products [122], while the volume of SMBG systems sold

has been increasing steadily, the price for SMBG systems has been decreasing. In

addition, the lack of consensus of the utility of blood glucose monitoring in certain

situations has led to many payers limiting or eliminating coverage of blood glucose

monitoring supplies [115, 123]. The cost pressures on reimbursement for blood

glucose monitoring systems has been a challenge for manufacturers as they strive to

remain profitable and still introduce new technologies. The needs of the PwD have

evolved over time beyond analytical performance requirements of the blood glu-

cose measurement, varying with their condition; the needs of a T1 user are different

from the needs of a T2 user. Even within the classification of T1 or T2, the type of

therapy will also dictate the features that best suit the user.
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3.1.2 Healthcare Provider Requirements

HCP requirements can be divided roughly into two categories: managing PwD data

generated by SMBG systems during “home” use monitoring and managing systems

at the POC. For the first situation, the SMBG system requirements are the same as

described above in terms of system performance. For a HCP the ease of data

management is more critical for POC systems. While many SMBG manufacturers

have software packages that are able to download patient data from the meter, these

packages rarely are able to download data from other manufacturer’s systems.

Consequently third-party systems (e.g., CliniPro®) may be required if a HCP

must deal with multiple SMBG systems within a practice. The performance

requirements for a POC blood glucose monitoring system for use at a HCPs facility

or in a hospital are described in CLSI POCT12-A3 [37], and specifics of perfor-

mance requirements will be covered in a later section. In addition to requirements

around performance, systems for use in a POC setting must meet requirements for

infection control and validation of meter cleaning and disinfection. CLSI POCT12-

A3 [37], CLSI POCT13 [15], ISO15197:2013 [17], and the FDA draft guidance for

POC BG systems [14] offer guidance around infection control and cleaning pro-

cedures for POC systems. Since the vast majority of POC meters are used across a

certain population of patients, adequate controls around cleaning and disinfection

procedures must be clearly defined, validated, and enforced to prohibit the trans-

mission of blood-borne pathogens among the user population.

3.1.3 Payer Requirements

In general, third-party payers for healthcare services, such as governments, public

insurers, and private insurers, are motivated to provide treatments to their sub-

scribers that have been determined to be (cost-) effective [124] in comparison to

standard care. Furthermore, decision makers do also consider the impact of the

respective technology on their budgets.

The use of blood glucose monitoring by PwDs being treated with insulin has

been demonstrated to reduce HbA1c and the occurrence and costs of the associated

comorbidities and is considered the standard of care for these patients [92, 124,

125]. Blood glucose monitoring for patients being treated only with oral medica-

tions can, in fact, facilitate long-term improvement in glycemic status, but only

when the following conditions are met: The SMBG regimen is structured (both in

timing and frequency) to obtain actionable information about each patient’s glucose
control. The data are generated and documented in a manner that facilitates analysis

and discussion of glycemic patterns between patient and healthcare provider. Both

the patient and the healthcare provider are well educated, willing, and skilled to

make appropriate treatment decisions based upon the SMBG data. Both the patient

and healthcare provider mutually agree upon treatment decisions and modifications.
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This position mirrors the International Diabetes Federation’s (IDF) guidelines
for use of SMBG in non-insulin-treated diabetes. These guidelines recommend that

SMBG should be used only when patients and/or their clinicians “have the knowl-

edge, skills and willingness to incorporate SMBG monitoring and therapy adjust-

ment into their diabetes care plan in order to attain agreed treatment goals.”

Unfortunately, these conditions for appropriate SMBG use are absent from the

interventions used in many studies analyzed and summarized systematically by

Clar et al. [126].

Structured SMBG as investigated in the STeP study is even more clinically

relevant. The STeP study was a large prospective, cluster-randomized, multicenter

trial evaluating the use of structured SMBG in 483 poorly controlled

(HbA1c� 7.5%) insulin-naı̈ve T2DM patients from 34 US primary care practices

[127]. The primary endpoint was changed in HbA1c over time. Patients in the

structured testing group used a simple paper tool that facilitates collection and

interpretation of 7-point glucose profiles over three consecutive days. These

patients completed the tool on a quarterly basis, brought to the completed tools to

medical visits, and discussed findings with their physicians. Structured testing

group patients received training in BG measurement, including instructions for

how to identify problematic glycemic patterns and how best to address such

problems through changes in physical activity, portion sizes, and/or meal compo-

sition; structured testing group physicians received an algorithm describing various

pharmacologic/lifestyle treatment strategies that could be used in response to the

specific SMBG patterns identified. Active control group patients received enhanced

usual care only and were instructed to use their meter following their physicians’
recommendations but received no additional SMBG prompting, training, or instruc-

tion. At 12 months, intent-to-treat (ITT) analysis revealed that structured testing

group patients (n¼ 256) experienced significantly greater improvement in mean

HbA1c than active control group patients (n¼ 227): �1.2% vs. �0.9%; P¼ 0.04.

Per protocol (PP) analysis revealed an even greater HbA1c reduction (�0.5%) in the

experimental (n¼ 130) vs. control (n¼ 161) patient group (�1.3% vs. �0.8%;

P< 0.003). Further analyses of data from the STeP study have revealed improve-

ments in several other parameters, including clinicians’ intensification of treatment,

depression and diabetes-related distress, and patient self-efficacy and autonomous

motivation in managing their diabetes. Similar findings were seen in a pilot study by

Franciosi et al. [128] evaluating the efficacy of a structured SMBG-based interven-

tion with T2DM patients treated with oral agents. Parkin et al. [110] have published

a review article that provides more detailed descriptions of these studies. Still,

reimbursement varies [129] to a large extent based on varying definitions of the

interventions across the relevant studies and questionable assessment criteria by

health technology assessment (HTA) agencies, e.g., the “somewhat arbitrary” [126]

clinical relevance threshold of 0.5% which is often borrowed from the assessment

of pharmaceuticals, but may hinder patients to materialize relevant results. Vari-

ability of reimbursement clearly raises similar questions such as clarity, suitability,

and transparency of criteria used for reimbursement decisions as expressed recently
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by the European Diagnostics Manufacturing Association (EDMA) position paper

on health technology assessment for IVDs in the context of market access [130].

3.2 Monitoring Systems

The technology for SMBG is mature. Home-use tests for PwDs have been available

in some form since the late 1970s [52, 131]. Early systems were based on testing of

the user’s urine, with the degree of color on the test strip indicating the glucose

level. Today, urine glucose test strips are routinely used for screening both in

hospitals and in general practice. The aim of screening is early identification of

likely patients by examining large groups of the population. Patients with increased

diabetes risk or PwDs can also benefit from urine-based glucose testing for screen-

ing purposes [132]. However, urine-based glucose testing is no replacement for

blood glucose monitoring for several reasons. Measurements of blood glucose

levels is not possible below the renal threshold, which usually corresponds to a

plasma glucose level of 11.0 mM (198 mg/dL) [133], which, however, may vary

during long-standing diabetes and pregnancy. Consequently no differentiation of

hypoglycemia, euglycemia, and even mild hyperglycemia is possible. Further, the

time lag between BG and urine levels may be very significant, depending on the

time over which urine accumulates in the bladder [52, 134]. Due to these limitations

of testing glucose in urine, there was a drive to produce home-use systems which

were capable of testing blood and reducing the effect of the user’s technique on the
blood glucose results. These BG systems relied on photometric determination of

blood glucose, which had many advantages over urine glucose monitoring. Elec-

trochemical detection became more common in the 1990s. Improvements in

SMBG, ease of use, accuracy, and precision continue to be made for both photo-

metric and electrochemical blood glucose meters.

A SMBG system generally consists of an SMBG meter, disposable strips

including a sensor, a lancing device, and one or more control solutions. Diabetes

management software may also be included as part of the SMBG system. POC

blood glucose monitoring systems designed for use in a clinical setting (hospital,

clinic, or HCP facility) include more sophisticated data management, tracking, and

transfer capabilities than a consumer system. Currently, the personal user is able to

choose from a large number of systems which provide a competitive set of features.

Users have come to expect some features as part of a standard user experience, such

as small blood volume, fast test time, and some data storage capability. Other

features are becoming more common in the competitive blood glucose monitoring

market, such as diabetes management tools [135, 136]. The majority of systems

currently on the market require sample volumes less than 1 μL, with some systems

requiring sample volumes as low as 300 nL. Test time has also decreased signifi-

cantly since the introduction of consumer SMBG meters. Test times of five seconds

are now common. Meters can be differentiated by the availability of additional

features, as well as through system performance. One of the most attractive
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additional user features is the so-called no code. Instead of the end user having to

enter a lot-specific code or insert a code key, the user is able to simply use the strips

directly from the vial. Advances in strip manufacturing processes and measurement

techniques enable either universal coding, where the strips are produced reproduc-

ibly enough to require the same code for all lots, or non-evident coding, where the

appropriate code is transferred from the strip packaging or from the strip charac-

teristics. With either method, the end user is not required to input code-specific

information into the meter, improving the ease of use of the system and reducing

user-induced measurement error [137–139].

Another characteristic which improves ease of use and reduces opportunities of

error [140, 141] is the integration of multiple tests into one single container, thus

removing the need to handle single strips. A single container may contain 10 to

50 blood glucose tests, depending on the manufacturer of the system. The lancet for

this type of system may be integrated into the body of the meter or attached to the

body of meter. The advantage of integrated systems is the reduction of the number

of steps the PwD must take to complete a blood glucose test, with a possible

reduction of errors introduced by multiple handling steps. The Accu-Chek® Mobile

is an example of a fully integrated system [140], with a 50-test cassette, attached

lancing device with a drum of six lancets, automatic coding, and small required

sample size.

Advanced SMBG systems offer features for enhanced diabetes management.

The majority of meters currently on the market are able to store multiple BG

measurements. More advanced meters will provide average blood glucose mea-

surements at preset intervals. In addition, meters such as the Accu-Chek® Aviva

Plus and Accu-Chek® Nano include before and after meal marking, before and

after meal BG averages, as well as a customizable hypo indicator, customizable

test reminders, and post-meal test reminder. Beyond memory functions, test

averaging, and reminders, some meters include features which provide features

useful to the insulin-dependent PwD. The Accu-Chek® Aviva Expert BG system

provides the user the ability to record events related to diabetes management, such

as blood glucose test results, carbohydrate intake, bolus and basal insulin deliv-

ery, and significant health events (e.g., exercise, stress, illness). In addition, the

Accu-Chek® Aviva Expert and Accu-Chek® Insight systems have a built-in bolus

advisor, which provides the user with an insulin dosing or carbohydrate intake

recommendation to correct BG levels that are not in the targeted glucose range.

Features such as these, especially bolus calculators [142–144], are useful for the

insulin-dependent PwD.

Integration of a SMBG system with an insulin pump is the next level of

combining SMBG with diabetes management solutions. In these systems, the

meter and the remote control for the pump are often the same device. In the

Accu-Chek® Combo system, the Accu-Chek® Aviva Combo meter is the remote

control for the Accu-Chek® Spirit Combo insulin pump, as well as a BG meter

which includes data management features, such as a log book, trending graphs, and

reports; other features include event-based reminders and the ability to enter

specific data regarding an event (illness, stress, exercise, etc.). The new feature
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for bolus advice in the Combo system uses SMBG test results directly from the

meter in the bolus calculator, and the user can use the meter/pump remote to deliver

the bolus. These features are useful for the PwD ([142] and references contained

within), especially for pediatric PwDs [145].

SMBG systems are often coupled to software packages or online tools produced

by the manufacturer of the system to allow for more in-depth analysis of SMBG

data collected by the user [66, 146, 147]. SMBG data is transferred from the meter

to the software package. Both consumers and healthcare providers can use the

reports available to help fine-tune therapy and behavior modification for PwDs.

These software applications are available on primarily PC systems, although online

applications are being introduced. Accu-Chek® 360�, a powerful diabetes manage-

ment tool, is available for both PC and as a diabetes management app for Android

smartphones. Accu-Chek® Connect Online is a web-based diabetes management

portal which allows downloading of SMBG data from all Accu-Chek® devices

[146]. This product allows for easy sharing of data between PwDs and HCPs/

caregivers. The 510(k)-cleared Accu-Chek® Connect Diabetes Management app

allows for wireless data transfer from the Accu-Chek® Connect meter to

smartphones for data analysis and for bolus calculations.

3.2.1 Measurement Principles

Active Components

Commercially available SMBG systems are based on optical or electrochemical

detection schemes. For both schemes, enzymes provide the specificity for glucose.

Except for the actual signal transduction, the mechanism for signal generation is

very similar for optical and electrochemical systems. Glucose sensors use oxidore-

ductase enzymes which oxidize glucose to gluconolactone. The commonly used

enzymes for SMBG systems are GOx (EC 1.1.3.4), quinoprotein glucose dehydro-

genase (PQQ-GDH, EC 1.1.5.2), FAD-dependent glucose dehydrogenase

(FAD-GDH, EC 1.1.99.10), and NAD-dependent glucose dehydrogenase

(NAD-GDH, EC 1.1.1.47). GOx and FAD-GDH have the same cofactor, flavin

adenine dinucleotide, with the native and preferred final electron acceptor for GOx

being oxygen. FAD-GDH, unlike GOx, does not use oxygen as the final electron

acceptor. PQQ-GDH uses pyrroloquinoline quinone as its cofactor and NAD-GDH

nicotinamide adenine dinucleotide. FAD and PQQ are bound to their respective

enzymes through strong interactions, while NAD is not bound permanently to

NAD-GDH [73]. A generic reaction scheme for electrochemical biosensors is

shown below in Fig. 1.

Each of these enzymes has advantages and disadvantages, and the properties of

the enzyme will vary with the specific parent organism of the enzyme and depend

on potential protein engineering of the enzyme. A brief overview of the enzymes

commonly used in SMBG is provided below. An excellent review of enzymes used
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for glucose biosensing has been written by Ferri et al. [73]; the reader is referred to

that review for more information.

GOx was the first enzyme to find widespread use in glucose sensors [4, 31, 52,

71, 73]. The parent organism for GOx is Aspergillus niger, with the majority of the

GOx in use today for glucose sensing produced from this organism. GOx has

excellent specificity for glucose, with some interference from 2-deoxy-D-glucose

and minimal interference from galactose. These sugars are not generally considered

significant for most SMBG use; labeled 2-deoxy-D-glucose may be used for

PET-scanning and is not generally encountered by users except in very controlled

circumstances [148], and galactose interference is a problem for mainly POC use

when galactosemia is present in neonates [33, 149, 150]. Oxygen is the native

electron acceptor for GOx, producing hydrogen peroxide as a result of the catalytic

reaction. Generally, detection of the hydrogen peroxide produced when oxygen is

the electron acceptor is not robust in disposable glucose sensors used for SMBG,

making the use of a mediator to transfer electrons to the electrode surface necessary

for efficient signal generation. The reduced FADH2 cofactor is fairly tolerant of

mediator identity, accepting many metal complexes or organic mediators, as long as

the redox potential of the mediator is suitable. When a mediator is used for a

GOx-based sensor, oxygen interference becomes a factor and is the main reason

why GOx is no longer used for SMBG sensors produced by the main four SMBG

manufacturers.

FAD-dependent glucose dehydrogenases, FAD-GDHs, do not use oxygen as its

native electron acceptor, unlike GOx. There is variability in the sugar specificity in

FAD-GDHs, depending on the parent organism [73]. For FAD-GDH derived from

bacteria, an integrated electron acceptor is part of the enzyme in the form of

cytochrome c-containing subunit. This FAD-GDH lacks specificity for glucose,

with substantial activity for maltose. More commonly used are FAD-GDHs derived

from fungal parent organisms. FAD-GDHs from fungi do not have the integrated

acceptor, but instead are able to use a wide range of mediators as long as the redox

potential of the mediator is suitable. Sugar specificity is, in general, excellent for

FAD-GDH derived from fungi; however, there is substantial activity toward

Fig. 1 Generalized working electrode reaction scheme for a SMBG biosensor. “ox” is the

oxidized form of the cofactor or mediator, “red” is the reduced form of the cofactor or mediator,

and n is the number of electrons (e�)
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2-deoxy-D-glucose and xylose. Since FAD-GDH does not accept oxygen as an

electron acceptor, sensors with FAD-GDH do not experience interference from

variations in oxygen partial pressure or have altitude limitations for use as seen in

GOx-based systems.

PQQ-GDH (PQQ-dependent glucose dehydrogenase)-based SMBG sensors use

soluble PQQ-GDH, derived from Acinetobacter calcoaceticus. It has excellent

catalytic activity, allowing for fast glucose sensing; however, native PQQ-GDH

can have interference from several sugars, including maltose, galactose, and xylose.

With protein engineering, mutant forms of PQQ-GDH have been made with

excellent glucose specificity, reducing the impact of maltose to the point where

significant interference is not observed [73, 151–158]. PQQ-GDH does not have

oxygen interference and is able to accept a wide variety of mediators, both organic

and inorganic metal complexes.

NAD-dependent glucose dehydrogenase, NAD-GDH, generally has good sub-

strate specificity, but its cofactor is not bound and must be included as part of the

strip reagent matrix as an additional component. Also, the number of effective

mediators for NAD-GDH-based systems is more limited due the specific require-

ments for rapid reaction of the mediator with NADH (e.g., quinones and quinoid

compounds).

Direct oxidation of the reduced cofactor is not generally possible for GOD,

PQQ-, and FAD- dependent enzymes. In theory, NADH could be oxidized directly

at an electrode surface; in practice, direct oxidation of NADH often results in

incomplete regeneration of active NAD and electrode surface fouling [159–

161]. To overcome difficulties with direct electron transfer, all commercially

available SMBG systems use a mediator system for transferring the electrons

from the reduced cofactor to the electrode surface. The reduced mediator is

oxidized at the electrode surface, where the current generated or the charge

collected is directly related to the amount of glucose in the sample. FAD- and

PQQ-dependent enzymes are relatively tolerant of the mediator choice as long as a

mediator with suitable potential is chosen. NAD-dependent enzymes are far “pick-

ier” with respect to effective mediators due to the need for hydride transfer between

NADH and the mediator. For this reason, quinones and quinoid compounds, such as

quinone diimines, phenazines, and related dyes, are effective mediators for

NAD-based systems [162, 163]. Regardless of the identity of the mediator used

in SMBG systems, freely diffusing mediators are the norm. Table 1 shows some

examples of enzyme and mediator combinations used in SMBG products.

Measurement Methods

The vast majority of electrochemical SMBG systems rely on amperometric detec-

tion, with coulometric detection used in a small number of systems [52, 61, 66, 71,

131]. For both of these measurement methods, the general mechanism for signal

detection is the same; the reduced mediator produced from the reaction of the

reduced cofactor of the glucose-converting enzyme and oxidized mediator must
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diffuse to the test strip working electrode surface, where it is oxidized. The amount

of oxidation current or charge collected is directly related to the amount of glucose

in the sample. In a classical amperometric experiment, there are three electrodes

used in the cell for evaluating the current: a working electrode, where the reaction

of interest takes place; a reference electrode, against which the potential applied to

the working electrode is set; and a counter electrode, where the current flows

between the working and the counter electrode. No current flows through the

reference electrode, ensuring that a stable potential is maintained. The most com-

mon reference electrode type is a silver/silver chloride reference. This type of

electrochemical cell can be expensive and is not often used in SMBG test strips.

Instead, most SMBG strips use a two-electrode configuration for the primary

electrode set, with a working electrode and a counter electrode. This counter

electrode serves as a reference electrode against which a potential difference

between the working and counter is applied. The current which flows between the

working and the counter electrode is measured. For some SMBG strips, the counter

electrode is coated with Ag/AgCl and functions much like a traditional reference

electrode, maintaining a stable potential as long as the amount of current passed

through the electrode does not disrupt the reference system. More commonly,

SMBG strips are configured for use in a “biamperometric” measurement, where

the counter electrode reaction also serves as the reference reaction. In this config-

uration, the absolute potential of the system is not stable and will drift according the

properties of the system, in particular, the glucose concentration. The impact of not

having a stable reference electrode is accommodated by careful design of the

measurement method to ensure that reproducible measurements are made. While

the relationship between glucose in the sample and the current produced is, in

principle, a very simple and direct relationship, there is considerable variation in the

magnitude of the current response due to the influence of temperature on diffusion.

The change in diffusion speed is approximately 2% for a 1K change in temperature.

Hematocrit also has a large impact on the response, since red blood cells in the

sample influence the diffusion of glucose in the sample. Correction of the primary

current response for the influence of temperature and hematocrit is accomplished in

Table 1 Non-exhaustive list of examples of enzymes and mediators used in SMBG systems

Enzyme Mediator Product examples

GOx Hexacyanoferrate (III) OneTouch® Ultra®

Hexaamineruthenium (III) iBGStar®

FAD-GDH Hexacyanoferrate (III) One Touch® Verio®

Phenothiazine Bayer Contour® Next

Osmium based Abbott FreeStyle Lite®

PQQ-GDH Not indicated Nipro TRUE2go®

Mut-Q (engineered PQQ-GDH) Nitrosoaniline Roche Accu-Chek® Aviva

Roche Accu-Chek® Performa

NAD-GDH Phenanthroline quinone Abbott FreeStyle Neo®
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different ways, depending on the SMBG system in question. Given the extremely

competitive nature of the business of SMBG, different manufacturers strive to keep

the exact natures of their measurement methods and correction algorithms confi-

dential. Basic information about the correction mechanisms for BG values can be

inferred from product and patent literature. However, the finer details of the

compensation algorithms are held as trade secrets.

Temperature correction, in its simplest form, can be achieved by introducing

a correction factor based on the measurement of the temperature experienced by

the meter. While this type of correction is elegant in its simplicity, BG mea-

surements which have been corrected in this manner can suffer from over- or

under- compensation due to differences in the temperature measured by the

meter and the temperature of the reaction on the test strip. When a system

with a meter-based temperature measurement correction is in a rapidly changing

temperature environment, for example, when the meter has been moved from a

warm environment to a cool environment and a measurement is made without

letting the meter equilibrate to the ambient temperature, a bias in the BG result

may occur due to overcompensation for high temperature perceived by the

meter. For systems using a meter-based temperature measurement, a waiting

time needs to be defined to allow for the system to equilibrate. A more sophis-

ticated temperature compensation scheme relies on the sample properties mea-

sured on the test strip, as in the Accu-Chek® Aviva and Accu-Chek® Performa

meters. In this compensation method, electrochemical impedance measurements

are used to monitor changes in the conductivity in the sample due to temperature

in the sample measurement zone. These impedance measurements are used in

the correction algorithm to compensate for the impact of sample temperature on

the BG response [164, 165].

Compensation for hematocrit is achieved through several methods, again

depending on the manufacturer. In the Accu-Chek® Advantage system, hematocrit

correction was achieved through monitoring the shape of the current response over

time [71]. More current BGM systems use other means of correcting for hematocrit

interference; for example, some systems will use a secondary electrode as a hemat-

ocrit sensing electrode, using the response of the secondary electrode to correct the

primary glucose current measured on the working electrode. Other systems use a

technique the manufacturer refers to as “Dynamic Electrochemistry®,” where the

response of the working electrode to a varied potential input is used to correct for

hematocrit [166, 167]. Roche’s Accu-Chek® Aviva and Accu-Chek® Performa

systems use electrochemical impedance measurements made with the working and

counter electrodes of the test strip to measure the impact of hematocrit on the sample

conductivity. The impedance measurements used in the correction of temperature are

also used to correct for hematocrit interference in that same family of products

[164, 165].
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Correction of other interferences can also be achieved through the measurement

method, selection of mediator, or a combination of the two. By choosing the applied

potential and/or mediator carefully, interference from some electroactive sub-

stances, such as uric acid and acetaminophen, can be avoided [59, 61, 71]. Other

methods for reducing endogenous and exogenous interfering substances have been

suggested [61]; however, implementing these approaches in inexpensive, dispos-

able SMBG test strips has not been feasible.

3.2.2 Sensor Manufacturing

In the sections below, a brief overview of electrochemical SMBG sensor

manufacturing processes is outlined. Since there are a wide variety of SMBG

sensors on the market with different sensor architectures, reagents, and manufactur-

ing techniques, an exhaustive review is outside the scope of this description. As an

example, a view of the Accu-Chek® Aviva test strip is shown in Fig. 2 [71].

The base film in commercially available SMBG sensors is commonly a thin

thermoplastic substrate, usually made of polyester. Depending on the nature of the

processing steps, the base film, or “web,” may be a large sheet (discrete processing)

or a continuous roll (reel-to-reel processing). The benefit of reel-to-reel processing

is in the speed inherent in web converting processes, which allows for cost benefits

to be derived from large-volume production [59, 61].

Fig. 2 Accu-Chek® Aviva Test Strip Architecture. Exploded view showing the base film and

electrodes, spacer to define the electrode area, and cover layer hydrophilic to define the sample

chamber
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The method of forming the electrodes on the base film is dependent on what type

of material is used for the electrodes. For systems which use carbon electrodes, the

most common method of forming the electrode pattern is through screen printing of

carbon inks. If an Ag/AgCl reference electrode is a part of the sensor architecture,

the Ag/AgCl ink is also screen printed. The electrodes must be cured before further

processing. Since the substrate for the electrodes is a thin plastic web, the inks used

for screen printing of electrodes are able to cure at relatively low temperatures. The

size of the electrode features is limited by the printing method to approximately

100 μm [168, 169]. It should be noted that for some strips, such as the FreeStyle®

Precision Neo (formerly Precision Xtra), the active ingredients (enzyme, cofactor,

mediator) are mixed in with the conductive carbon particles and other reagent

components to form the electrode ink. For other SMBG sensors, the electrodes

are formed from vapor-deposited thin metal layers on the base film. Noble metals,

such as gold or palladium, are the electrode materials of choice, and the thickness of

the metal layer can be as low as 10 nm. The most common method for patterning the

electrodes is to use a laser removal process, either laser scribing or broad-field

ablation [170, 171]. The benefit of using broad-field ablation for forming the

electrode patterns is the speed of the process, the small size of the electrode

features, and the edge quality which can be achieved with this process. Since the

electrochemical signal generated in amperometric sensors is directly proportional

to the area of the electrode, it is necessary to either control the area of the electrode

or correct for variation in the signal due to fluctuations in the electrode area. Control

of the electrode area is either through printing of an insulating dielectric ink over

the electrodes or by laminating a spacer layer over the electrodes with a controlled-

size opening to form the sample chamber [59, 71]. If the electrodes are coplanar, a

top covering of the web, generally transparent to provide a view of the sample

chamber, is laminated on top of the spacer layer to form the sample chamber. The

transparent cover gives the user visual confirmation of successful dosing. When the

working and counter electrodes are in a facing configuration, the top layer is formed

from one of the electrodes and the sample chamber is confined to the space between

the electrodes. With both configurations, the height of the capillary sample chamber

is defined by the spacer layer and is a critical dimension for the reproducibility of

the signal response. Most electrochemical SMBG test strips include one or more

electrodes to indicate when sufficient sample has been introduced into the sensor to

perform a reliable method. These fill detection or sample sufficiency electrodes

may or may not be part of the working/counter electrode system.

The active ingredients, enzymes, cofactors, and mediators, discussed in the

section above, must be included in a reagent formulation which provides a stabi-

lizing matrix for these active ingredients in the dry form [59, 71] and is also

conducive to reproducible reagent deposition onto the electrode structures as a

wet reagent. These matrix components may include film-forming polymers, buffers

to maintain pH, enzyme stabilizers (e.g., trehalose, bovine serum albumin), surfac-

tants, and non-soluble fillers. Reagent formulations are deposited on the electrode

structures by a variety of methods. Screen printing [5, 70, 72, 172] is commonly

used for depositing regents on electrode structures. Slot-die coating, used in the
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Accu-Chek®Aviva and Accu-Chek® Performa product families, is an effective way

to coat a narrow reagent stripe over the working and counter electrodes [71, 173,

174]. Use of slot-die coating for reagent deposition ensures a well-controlled,

uniformly-thick reagent layer. The properties of the reagent formulation, such as

viscosity, solids content, and surface tension, must be formulated to accommodate

the specific requirements of the particular reagent deposition method. The drying

process must be managed to preserve the active ingredients as well as maintain the

quality of the reagent film. Drying should be rapid, so that the enzyme is only

exposed to the warm, wet environment which promotes enzyme denaturation for a

short period [71]. The optimization of the drying process depends on the properties

of the reagent formulation.

The primary packing for most SMBG strips is a desiccant-containing vial. The

vial serves to protect the strip reagent from exposure to humidity, which can cause

degradation of the active ingredients. The number of strips contained in a vial can

vary depending on the stability of the strip components or intended use case

(sample packs, kits, or full-count vials), with common strip counts per vial of

10, 25, and 50 strips per vial. Alternative primary packaging was introduced by

two competing systems. The Abbott FreeStyle®Optium™ test strip is foil packaged

individually. The Ascensia Breeze® system features a foil packaged disk which

contains 10 strips.

The manufacture of SMBG systems in the United States is covered by CFR

820 “Quality System Regulation” [23], which includes regulations for establishing

a quality policy, design controls, purchasing controls, production and process

controls, as well as many other facets of medical device manufacturing. In the

EU, manufacturers of SMBG systems must demonstrate that the system meets the

requirements in the In vitro Diagnostic Directive in order to place the CE mark on

the product [175].

3.3 Performance of Systems Used for SMBG

In order to ensure that SMBG systems provide results suitable for the management

of diabetes, standards and guidance documents have been developed to assess the

performance and usability of SMBG systems. In the United States, the Food and

Drug Administration approves systems for sale. The EU uses the ISO 15197

standard for performance evaluation [17, 175]. The requirements proposed by the

FDA [16], as defined in the draft guidance document “Self-Monitoring of Blood

Glucose Test Systems for Over-the-Counter Use,” and the ISO15197:2013 standard

have some commonality, although the FDA guidance document, published in 2014,

differs from the ISO15197:2013 in some key areas, such as the evaluation of system

accuracy. The FDA has also issued draft guidance for blood glucose monitoring

systems used in POC settings, titled “Blood glucose monitoring test systems for

prescription POC use” [14]. The draft guidance for POC systems differs in some

ways from the FDA draft guidance for SMBG and ISO 15197. The draft guidance
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documents from the FDA are currently under revision, and their final form has not

been determined; SMBG products are not being cleared according to these draft

documents. The ISO 15197 and FDA Draft Guidance documents for SBGM

requirements are discussed in the sections below. The inclusion of the draft

guidance documents is intended to give the reader an overview of what the FDA

requirements may be in the future.

Since SMBG and POC systems may use different enzymes, mediators, materials,

and measurement methods, it comes as no surprise that the claim ranges with regard

to operating temperature, humidity, hematocrit, interference substances, and shelf-

life are unique to each particular system. When comparing performance between

systems, one should keep in mind these characteristics in order to make a clear one-

to-one comparison of performance.

3.3.1 Reference Methodology

Although SMBG measurements are made on whole blood samples, the preferred

method of reporting the BG value is the plasma equivalent [3, 16, 17, 100] to make

comparison to plasma clinical analyzer glucose values less confusing [3]. The

recommended constant conversion factor of 1.11 is used to convert the whole

blood glucose value to the plasma equivalent. This conversion factor is derived

from the relationship between activity, molality, and concentration of glucose in

sample types and gives the plasma-equivalent result for when the hematocrit and

water concentration in the blood sample are normal, i.e., 43% hematocrit. The

sample hematocrit, however, may not be the normal 43%. In that case, a correction

factor which takes into account the impact of hematocrit can be calculated based on

the equation 0,84/(0,93-0,22 * Hct) [176]. While some manufacturers use a con-

version factor of 1.11 over the range of samples, others may use a conversion factor

that takes the hematocrit into account. When evaluating SMBG performance, it is

of critical importance to make sure the plasma-equivalent correction specific to a

manufacturer has been applied to BG results in order to avoid bias when comparing

to a reference method.

The most common reference methods used in strip performance evaluation are

the GOx-based YSI method and the hexokinase method, described briefly below.

The commonality of these two methods is that both are traceable to certified

reference material where the true glucose value has been determined by the primary

NIST glucose reference measurement procedure [177, 178], isotope dilution gas

chromatography mass spectrometry (ID/GC/MS). Although ID/GC/MS is the gold

standard for determining glucose values, it is unsuitable for the large volume of

samples which are processed during product processing and performance

evaluation [51].

The hexokinase method for measuring glucose is based on the coupled enzy-

matic reactions of D-glucose and ATP in the presence of hexokinase to produce

glucose-6-phosphate and ADP. The glucose-6-phosphate is then converted to

gluconolactate-6-phosphate by NADP-dependent glucose-6-dehydrogenase. By
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monitoring the NADPH produced in the second enzymatic step at 340 nm, the

concentration of glucose in the sample is determined. Either plasma samples or

whole blood samples that have been deproteinized by perchloric acid precipitation

may be analyzed by this method. This method is available on many of the Roche

Diagnostics Cobas® analyzers. The GOx method, as used in the YSI 2300, is based

on the conversion of D-glucose in the presence of oxygen to D-gluconolactone and

hydrogen peroxide by GOx immobilized between a polycarbonate membrane and a

cellulose acetate membrane. The hydrogen peroxide is detected electrochemically

at a platinum electrode. Both plasma and whole blood samples may be analyzed by

this method.

The inherent differences in the reference methodology used for evaluation of

system accuracy have a direct impact on evaluation of system accuracy. A signif-

icant difference in plasma samples is commonly observed between the hexokinase

and GOx methods, which can be as great as 8% of the glucose concentration

determined by the hexokinase method [36, 179, 180]. If the accuracy of a SMBG

system is evaluated using a different reference method than the one used by the strip

manufacturer, the apparent performance of the SMBG system may be considerably

different than what is reported when using the correct reference method. ISO

15197:2013 defines a reference measurement procedure as an accepted procedure

which is fit to assess the measurement trueness of measured quantity values

obtained from other measurement procedures for quantities of the same kind.

Nevertheless, there is sometimes lack of agreement around what is meant by this

definition with regard to sample and accepted measurement method. Commonly,

the concentration of glucose is measured in a plasma sample using the hexokinase

or YSI methods described above. Schnell et al. call for a more strict definition of

reference method [181] to avoid any confusion between the more routine analysis

of plasma blood glucose by analyzer for routine laboratory methods and a “true”

reference method, where the values determined in the reference method are directly

traceable to a reference standard.

3.3.2 Regulatory Guidance

In order to obtain the Conformité Européenne (CE) mark, which is required for

launching a product in the EU, the SMBG product must meet the performance and

design requirements set out in ISO 15197 [17]. Briefly, ISO 15197 describes the

requirements for system accuracy, user performance, measurement precision, inter-

ferences, and stability of the materials used in a SMBG system, as well standardized

methods for evaluation of these system metrics. ISO 15197 was first published in

2003; the standard published in 2013 reflects the call for better performance for

SMBG systems and the advancements in SMBG technology since the publication

of the first standard in 2003. While ISO15197:2013 has not yet been harmonized

under the IVD directive at the time of this publication, most manufacturers are

demonstrating compliance to the 2013 version of this standard in published docu-

ments. The FDA guidance for SMBG is still in draft form at the time of this writing
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[16]. One of the major differences between the FDA draft guidance document and

ISO 15197:2013 is in how the evaluation of system accuracy is performed. The

minimum accuracy criteria require that at least 95% of measurements fall within

�15% and at least 99% fall within �20% of the reference value across the entire

claimed glucose measurement range. Table 2 (adapted from Table 1 in Freckmann

et al. [182]) compares the minimum SMBG System Accuracy Criteria from the ISO

15197 Standard (2003 and 2013) with the FDA 2014 Draft Guidance document

[16, 182]. The system accuracy requirements as proposed by the FDA are quite

stringent, and there is considerable concern among industry and medical experts

about the ability of most commercially available systems to meet the criteria.

In addition to minimum SMBG system accuracy performance, ISO 15197 and

the FDA 2014 Draft Guidance documents include testing requirements for mea-

surement precision (measurement repeatability and intermediate precision), “influ-

ence quantities” (hematocrit and interferences), stability of reagents, and materials.

While the types of testing called out in the documents are similar, the specifics of

the testing vary between the documents, with the procedure and acceptance criteria

being significantly different.

Device performance can be quite different in the hands of a home user when

compared to trained laboratory personnel. As part of the ISO standard, “real-world

user” testing has been included as one of the criteria for judging system perfor-

mance. Users are given instruction for using the system and not given any further

training or assistance, and their operation of the system is observed by professional

personnel. The FDA also has specific requirements for user performance; the

system accuracy testing described in Table 2 includes the requirements that three

lots of SMBG strips must be used in the testing, with at least 350 users. Of the

350 users, at least 10% must be naive to SMBG systems. If sufficient users are not

available to cover the whole glucose range, contrived samples may be used to

supplement the user samples in order to extreme set glucose concentrations.

Table 2 Minimum SMBG System Accuracy Criteria according to the ISO 15197 standard in its

2003 and 2013 versions and the FDA draft guidance document from 2014

ISO 15197:2003 ISO 15197:2013 FDAa

Relative number

of results

95% 95%b 95% 99%

Within �15 mg/dL �20% �15 mg/dL �15% �15% �20%

At BG

concentrations

<75 mg/dL �75 mg/dL <100 mg/dL �100 mg/dL Entire range

99% of results within

CEG zones A+B
aFDA draft guidance for self-monitoring blood glucose test systems for over-the-counter use,

published in 2014 [16]
bIn ISO 15197:2013, this acceptance criterion is also applied for the user performance evaluation

[17]
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3.3.3 Performance Assessment

Consensus Error Grid and Estimation of Clinical Impact

The Clarke Error Grid was developed in 1987 to assess the accuracy of blood

glucose meters through the lens of clinical impact of BG error on treatment

decisions [183]. In essence, the measured BG value is plotted against the “true”

BG value for a particular sample as measured with a reference method. The plot is

subdivided into five different risk categories: Region A, where there is no effect of

BG error on clinical action; Region B, where the BG error makes little or no impact

on clinical action; Region C where the clinical action taken based on the erroneous

BG result is likely to have an effect on clinical outcome; Region D, where the BG

error results in altered clinical action that carries significant medical risk; and

Region E, where the BG error results in altered clinical action that could have

“dangerous consequences.” One issue that was identified with the Clarke Error Grid

is the discontinuity in the regions, where a region where no to little clinical impact

would result bordered a region where a decision made on an erroneous BG

measurement would have a potentially harmful clinical impact. A more recent

modification is the Consensus Error Grid, shown in Fig. 3, developed by Parkes

et al. [184], which represents an evolution of the Clarke Error Grid.

Two Consensus Error Grids (EGs) have been prepared: one for Type 1 and a

second for Type 2 PwDs on insulin therapy [184]. The difference between the two

EGs was based on the opinion of Parkes survey respondents that a T2 insulin-

dependent PwD would be able to tolerate BG measurements a larger error than a T1

PwD. However, the creators acknowledge that the T2 EG has not found widespread

Fig. 3 Consensus Error

Grid for Type 1 diabetes

management and regulatory

purposes. Zones A through

E represent areas of clinical

risk that may result from

error in a measured BG

value
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use. The T1D Error Grid is widely used to assess meter performance and is what is

commonly referred to as the Consensus Error Grid or the Parkes Error Grid and has

gained wide acceptance as a tool for assessing glucose meter performance.

Surveillance Error Grid

Against the background of improvements in the clinical accuracy of SMBG sys-

tems, expectations around better performance of SMBG systems, new treatment

targets for T1 and T2 PwDs, greater use of insulin pumps, and availability of new

insulin analogs, the Surveillance Error Grid (SEG) was developed by Klonoff

et al. [185, 186], including representatives from the Food and Drug Administration,

American Diabetes Association, the Endocrine Society, and the Association for the

Advancement of Medical Instrumentation, with these changes in mind. Input from

206 diabetes clinicians in response to a survey where the respondents were asked to

evaluate fictitious scenarios and respond with clinical risk associated with errors in

measured BG levels. From this input and modeled data that represents the system

accuracy of current SMBG system, the SEG was developed. The SEG presents the

clinical risk with higher resolution than previous error grids with 15 risk zones and

is presented in a color-coded plot that makes it intuitive for the clinician to

understand the risk associated with error in BG measurements. The SEG is not

intended by its creators for premarket evaluation of SMBG performance, but is

intended as a tool for regulatory bodies and manufacturers to monitor SMBG

system performance as part of surveillance programs [185, 187].

Other Means of Visualizing SMBG Performance Data

The simplest way to represent performance data is through a regression plot, where

the measured BG values are plotted against the reference or comparative method

(e.g., YSI or hexokinase value) and regression statistics provided. Reference lines

from various standards/guidance documents or user-imposed limits can be included

in the plot to aid in evaluation of performance. This method of visualization allows

the user a quick overview of the general performance of the data being evaluated.

Bland-Altman plots are another useful way to visualize SMBG performance data

[188]. This type of plot allows the user to see both the bias and imprecision in a set

of SMBG data over the measured glucose range by plotting the difference in the BG

result from the comparison method (either as a percent or absolute bias) on the y-
axis against the comparison glucose value on the x-axis. Incorporation of reference

lines from different guidance documents, such as ISO 15197:2013 or the FDA draft

guidance, can be included in modified Bland-Altman plots in aid in visualization of

performance [187]. Radar plots are intended to be a more intuitive way of visual-

izing the same type of data presented in the modified Bland-Altman plots, where the

difference between the measured value and reference value for each measurement

is plotted using polar coordinates, giving the plots a target-like appearance. Circular
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reference lines, representing the 15 mg/dL/15% or 10 mg/dL/10% boundaries, may

be included to help the viewer in visualizing system performance [187]. Lastly,

Rectangle Target Plots [189, 190] provide a way to compare performance of

multiple SMBG systems in an intuitive manner. In this visualization method, the

data for one particular system under evaluation (e.g., one lot of test strips) is

presented as a single rectangle, where the center point of the rectangle represents

the mean bias of the system and the length of the sides of the rectangle represent the

tolerance interval for BG levels <100 mg/dL (x-dimension) and �100 mg/dL (y-
dimension). Thus, the size of the rectangle is an illustration of the measurement

variability of the system. Since the system performance is represented by a simple

rectangle, multiple systems may be compared on the same plot without the confu-

sion of many data points. Reference rectangles for 15 mg/dL/15% or 10 mg/dL/

10% systems can be included to aid in visualization.

Beyond the Regression Line

Other metrics are used to describe SMBG system performance in addition to the

methods discussed above. While none of the metrics may be sufficient themselves

to describe SMBG system performance, combination of performance metrics

allows for a better understanding of system performance.

• Total error (TE) [191] – system error plus user error; difference between the

observed glucose value and the true glucose value. A model used for estimating

total error can be expressed as [192]

%TE ¼ %Biasþ 1:96 CVTð Þ;

where %TE is the percent total error, %Bias is the percent average bias, and CVT is

the total coefficient of variation due to imprecision. While this model is simple and

popular, it can underestimate total error.

• Mean absolute difference (MAD) and mean absolute relative difference

(MARD) – MAD and MARD quantify the performance in an entire data set

within a single value. MARD is a good metric for comparing multiple systems in

a single study, but is not useful itself to describe system quality [187, 193].

MAD ¼ 1

n

Xn

i¼1

Meteri � Labij j;

MARD ¼ 1

n

Xn

i¼1

100
Meteri � Labij j

Labi
;

where Meter is the measured BG value, Lab is the reference value for the sample,

and n is the number of blood samples.
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• Hematocrit interference factor (HIF) [166, 194] is defined as the largest observed

bias above the nominal hematocrit + the largest observed bias below the nominal

hematocrit. An HIF <15% for an individual glucose level and a mean HIF over

the glucose range <10% has been arbitrarily defined as indicative for no

clinically relevant influence of hematocrit on the BG readings [166, 194].

3.3.4 System Performance of SMBG and POC Systems

There is a large body of literature around evaluating the performance of SMBG and

POC systems. For SMBG systems, both independent and manufacturer-sponsored

evaluations are available. The same is true for POC systems. The reader should be

aware that not all studies will follow ISO 15197 guidelines (Table 3); while this

does not necessarily make a statement about the quality of a particular study, the

reader should take into account different study parameters when comparing perfor-

mance data presented in the literature. Table 4, shown at the end of this section,

summarizes some of the relevant publications from 2012 to present. The list in

Table 4 is, by no means, an exhaustive list of the literature that has been published

and is meant to provide a sample of what is available. A study stands out for the

large number of BG systems assessed at once according to the ISO 15197 standard

[195]. Freckmann et al. performed system accuracy evaluation on 43 SMBG

systems, both electrochemical and optical, using the reference methodology defined

by the manufacturer. Systems assessed include representatives from Roche Diabe-

tes Care, Lifescan, Bayer, and Abbott, as well as smaller manufacturers. One lot of

strips per system was tested. This study found that, out of the 34 systems that were

assessed completely, only 18 of the systems met the minimum accuracy require-

ments of ISO 15197:2013. All of the Accu-Chek® products evaluated in this study,

Accu-Chek® Active, Accu-Chek® Aviva, Accu-Chek® Aviva Nano, Accu-Chek®

Compact Plus, Go, Accu-Chek®Mobile (both the original formulation and maltose-

independent formulation), Performa (both the original formulation and maltose-

independent formulation), and Accu-Chek® Performa Nano, met the ISO

15197:2013 criteria. A concise plot of the bias for all systems is found in [195]

(Fig. 2 therein).

Gijzen et al. evaluated four POC meters (Accu-Chek® Inform II, HemoCue®

Glu201DM, Nova StatStrip®, Abbott Precision Xceed Pro™) and one SMBG

consumer system (Menarini GlucoCard Memory PC) for use on sample collected

from critically ill ICU patients who were under a tight glycemic control (TGC)

protocol [196]. Results were compared against the ISO 15197 standard; since this

study was published in 2012, the ISO 15197 standard used was not the more

stringent ISO 15197:2013. Results were also compared against the Netherlands

Organisation for Applied Scientific Research (TNO) quality guidelines (PG/TG/

2001.045) and the National Academy of Clinical Biochemistry/American Diabetes

Association (NACB/ADA)-2011 guidelines [13]. The NACB/ADA guidelines

(greater than 95% results must be within �15% for values greater than or equal

to 100 mg/dL and within�15 mg/dL for values less than 100 mg/dL) are similar, in
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principle, to ISO 15197:2013. The results are summarized in Table 3. The Accu-

Chek® Inform II system met the requirements of all three standards when all

available samples were considered. The next-best performing system in this study

was the Abbott Precision Xceed Pro™, where that system met the ISO 15197:2003

requirements. When the neonatal samples with low glucose values were considered,

again, the Inform II met the requirements of all three standards, the Nova StatStrip

meeting the ISO 15197 and TNO requirements. One aspect that should be consid-

ered is that the number of neonate samples, n¼ 15, with low glucose values was

very small.

3.3.5 Calls for Improved Performance and Postlaunch Monitoring

Despite the tighter system performance criteria introduced in ISO 15197:2013 and

proposed in the draft FDA guidance, there are still calls for improved system

performance from groups such as the American Association of Clinical Endocri-

nologist, American Association of Diabetes Educators, and the patient advocacy

group Strip Safely [1, 11, 38, 99, 197–199]. The ADA has called for future SMBG

systems to be made with an analytic error of 5% [199]. The most pressing concerns,

according to these groups, include accuracy of the BGM system at low glucose and

the lack of post-marketing surveillance of approved SBGM systems. In 2013, the

Diabetes Technology Society held a one-day public meeting of diabetes experts,

presided over by its president, David Klonoff, to discuss several questions around

SBGM systems and their ability to meet current regulatory standards. Protocols for

testing SBGM systems postlaunch are currently being developed [200]. Publications

where SMBG systems are evaluated according to ISO15197:2003, ISO15197:2013,

FDA draft guidance, and so-called “10/10” and “5/5” criteria are becoming more

common [195, 201–204]. The 10/10 criteria require greater that 95% of strip BG

values are within 10 mg/dL of the reference result for BG values below 100 mg/dL

and 95% of the strip BG values are within 10% of the reference result for BG values

above 100 mg/dL. The 5/5 criteria are similarly defined for 5 mg/dL and 5%,

Table 3 Tabular representation of data of the study performed in Gijzen et al. [196], showing the

results of 390 paired glucose measurements in 80 ICU patients

Number

Mean glucose

concentration (mM)

Range

(mM)

Pearson

correlation

%

ISO

%

TNO

%

NACB/

ADA

Abbott 379 8.2� 2.1 3.7–17.6 0.94 96.6 94.2 93.4

HemoCue 391 8.3� 2.0 3.8–19.1 0.929 95.1 91.0 89.2

Menarini 391 6.9� 2.1 2.7–16.2 0.936 63.3 47.7 45.4

Nova 391 7.3� 1.9 3.3–15.0 0.964 91.0 81.8 77.9

Roche 389 8.3� 2.1 3.1–17.7 0.964 99.5 96.1 95.6

BioSen 389 8.1� 2.1 3.5–16.6 0.973 98.7 97.7 97.4

RapidLab 380 7.8� 1.9 3.4–16.3 0.986 100 99.2 98.9

DxC-800 390 8.1� 2.0 3.6–17.1 – – – –
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Table 4 Systems additional performance studies and reviews

Ref. Year SMBG systems

Sample

type Notes

Sølvik

et al. [201]

2015 Accu-Chek® Aviva

Accu-Chek® Mobile

Ascensia Breeze® 2

Contour® XT

DANA DiabeCare®

IISG FreeStyle Lite®

GlucoMen® LX

Mendor Discreet

mylife™ Unio™
OneTouch® Verio®

C System accuracy according to

ISO 15197:2004, ISO

15197:2013 and FDA SMBG

draft guidance as performed by

biomedical laboratory scientists

and PwDs

Manufacturer’s reference
method was used for the appro-

priate system

Link et al. [486] 2015 Accu-Chek® Aviva

Contour®XT

GlucoCheck XL

GlucoMen® LX Plus

C System accuracy according to

ISO 15197:2003, ISO

15197:2013

Manufacturer’s reference
method was used for the appro-

priate system

Klaff

et al. [487]

2015 Accu-Chek® Aviva

Contour® Next

FreeStyle Lite®

OneTouch® Ultra®

Blue

OneTouch® Verio®

TRUETrack®

C YSI used as reference method

for all systems

Freckmann

et al. [488]

2015 Accu-Chek® Aviva

Contour® XT

GlucoCheck XL

GlucoMen® LX Plus

C System accuracy according to

ISO 15197:2003, ISO

15197:2013

Manufacturer’s reference
method was used for the appro-

priate system

Dunne

et al. [489]

2015 Accu-Chek® Active

Accu-Chek®

Performa OneTouch®

Select Simple

FreeStyle Freedom®

C YSI used as reference method

for all systems

Consensus Grid analysis

Demircik

et al. [490]

2015 Accu-Chek® Aviva

Nano

Accu-Chek®

Performa

Contour® XT

Contour® Link

Freestyle Freedom

Lite®

mylife™ Pura®

MyStar Extra®

OneTouch® Verio®

Venous Hematocrit variation

Pf€utzner
et al. [218, 491]

2012,

2014

Accu-Chek® Aviva

BGStar®

iBGStar®

C System accuracy according to

ISO 15197:2003, ISO

15197:2013

(continued)
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Table 4 (continued)

Ref. Year SMBG systems

Sample

type Notes

FreeStyle Freedom

Lite® Contour®

OneTouch® Ultra® 2

YSI used as reference method

for all systems

Huang

et al. [492]

2014 Accu-Chek®

Performa

Rightest® GM700

C, V System accuracy according to

ISO 15197:2013

Test subject population included

persons with and without diabe-

tes, neonates, patients on respi-

ratory therapies, hemodialysis,

or peritoneal dialysis

Hsu et al. [493] 2014 Rightest® GM550 C, V Testing performed by test sub-

jects and technicians

HK used as reference method

for all systems

System accuracy and impreci-

sion according to ISO

15197:2003

Evaluation of autocoding

feature

Freckmann

et al. [202]

2012 Accu-Chek® Aviva

BGStar®

Contour® XT

GE100

GE200

mylife™ Pura®

mylife™ Unio™
GL40

Omnitest® 3

OneTouch® Verio®

System x

System y

C System accuracy according to

ISO 15197:2003

Manufacturer’s reference
method was used for the appro-

priate system

System names for x and y not

shown due to legal reasons

(missed accuracy requirements)

Ramljak

et al. [194]

2013 Accu-Chek® Aviva

Accu-Chek® Aviva

Nano

Accu-Chek® Active

Contour®

Breeze®2

OneTouch® Ultra® 2

OneTouch® Verio®

Precision Xceed®

Optimum Xceed®

FreeStyle Freedom

Lite®

TaiDoc Fora

TD-4227

GlucoMen® LX Plus

Glucofix® mio Plus

GlucoLab™

V Hematocrit variation

YSI used as reference method

for all systems

(continued)

34 G. Ocvirk et al.



Table 4 (continued)

Ref. Year SMBG systems

Sample

type Notes

GlucoDr. Auto™
On Call® Platinum

On Call® Plus

NovaMax® Plus

NovaMax® Link

Halldorsdottir

et al. [494]

2013 Accu-Chek® Aviva

Contour® Next EZ

FreeStyle Freedom

Lite® OneTouch®

Ultra® 2

TRUEtrack®

C YSI used as reference method

for all systems

Brazg

et al. [495]

2013 Accu-Chek® Aviva

Plus

Advocate® Redi-

Code

Element™
Embrace

Prodigy Voice®

TRUEbalance™
Wavesense™ Presto®

C System accuracy according to

ISO 15197:2003

Manufacturer’s reference
method was used for the appro-

priate system

Multiple lots of test strips tested

Pf€utzner
et al. [167]

2013 Accu-Chek® Aviva

Accu-Chek® Aviva

Nano

BGStar®

iBGStar®

Breeze®

Contour®

Freestyle Freedom

Lite®

GlucoMen® LX

GlucoCard G+

Precision Xceed®

OneTouch® Ultra® 2

OneTouch ®Verio® 2

MediTouch®

V Hematocrit variation

YSI used as reference method

for all systems

Teodorczyk

et al. [496]

2012 OneTouch® Verio® V Hematocrit variation

Tack

et al. [497]

2012 FreeStyle Freedom

Lite® FreeStyle Lite®

OneTouch®

UltraEasy®

Accu-Chek® Aviva

Contour®

C YSI used as reference method

for all systems

Test subject performed testing

Baumstark

et al. [498]

2012 Accu-Chek® Aviva

FreeStyle Lite®

GlucoCheck XL

mylife™ Pura®

C System accuracy according to

ISO 15197:2003

Manufacturer’s reference
method was used for the

(continued)
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respectively. For comparison, the current ISO 15197:2013 standard calls for strips

to meet “15/15” performance criteria, where greater than 95% of strip BG values

are within 15 mg/dL of the reference result for BG values below 100 mg/dL and

greater than 95% of the strip BG values are within 15% of the reference result for

BG values greater than 100 mg/dL. Some systems are also not passing the accuracy

standards under which the systems were approved [195, 202, 205, 206]. More

pressure has come from professional organizations and diabetes advocate groups

for post-market surveillance of SMBG systems [206, 207]. Considerable discussion

is ongoing on how to implement as post-market surveillance program with regard to

funding, oversight, and reporting of the results of evaluations [200, 208, 209]. Chal-

lenges for manufacturers accompany tighter requirements on SMBG systems.

Technical challenges for improving system performance may lead to compromises

on system design, such as larger devices, larger blood volume required for testing,

Table 4 (continued)

Ref. Year SMBG systems

Sample

type Notes

OneTouch® Verio®

Pro

appropriate system

Multiple lots were tested

POC Systems

Ceriotti

et al. [499]

2015 Accu-Chek®

Performa

FreeStyle Optium™
StatStrip®

V Hematocrit variation, interfer-

ence, and precision

Freckmann

et al. [203]

2014 Accu-Chek® Inform

II

BGStar®

BIOSEN C_line

HemoCue® Glucose

201+

GLUKOMETERPRO

StatStrip®

C YSI used as comparison method

for all systems

Trueness and precision assessed

following CLSI EP15-A2

Dietzen

et al. [500]

2013 Accu-Chek® Inform

II

Accu-Chek®

Performa

Accu-Chek® Aviva

N Multiple lots tested

Zueger

et al. [501]

2012 Accu-Chek® Aviva

Contour®

FreeStyle Lite®

C HemoCue Glucose 201+ was

used as the reference method for

all systems

Robinson

et al. [502]

2012 Accu-Chek®

Performa

Contour® TS

Nova Max®

StatStrip®

OneTouch® Ultra®2

Optium Xceed™

C YSI used as comparison method

for all systems

C capillary, V venous, N neonate
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and higher costs for the end consumer [38]. There is limited clinical support for

improving system performance requirements beyond ISO 15197:2013 [210]. Sim-

ulation data based on clinical data from institutions where patients were undergoing

tight glycemic control showed that for total allowed system error of 20%, signifi-

cant insulin dosing errors were predicted to occur where hypoglycemia would

result. In contrast, the simulation models for total error of 15% predicted that

large insulin dosing errors would occur “very infrequently,” with reduced total

error of 10% reducing the frequency even more. However, there is more study

needed to understand the frequency of dosing errors and the actual clinical impact

of such dosing errors [210–214].

As with consumer SMBG systems, there are calls for improvement in POC blood

glucose monitoring systems [32, 42, 195, 215]. Tight glycemic control is often a

treatment goal for patients in critical care situations to improve outcomes

[216, 217]. However, blood glucose measurement error can lead to adverse events.

In addition to the measurement error that is due to normal system operation, error

due to the influence of extreme sample conditions, such as low or high hematocrit,

variation of sodium levels, interference from drug therapies (e.g., icodextrin,

intravenously administered ascorbic acid), or oxygen pressure, must be taken into

account when evaluating the system performance and use of POC BG systems

[191, 218, 219]. Manufacturers endeavor to produce systems that are as robust as

possible to interferences and extreme sample conditions to maintain patient safety,

and HCPs must be aware of system limitations of the particular POC BG system

that is in use in their clinical setting.

3.4 SMBG Outlook

It is undeniable that the performance of SMBG systems has increased tremendously

over the last four decades, helping the PwD to achieve better health as part of the

day-to-day management of diabetes. Technological advances have allowed systems

to be useful over wide temperature, hematocrit, and blood glucose range, while test

time and sample size have decreased dramatically [52, 220, 221]. SMBG is part of

the necessary toolkit for managing T1 and T2 diabetes. Looking ahead, the

demands on SMBG system performance are expected to grow even as the pressures

to lower the cost of systems increase. The drive for the future is to continue to push

the limits on system performance while lowering cost, all while finding ways to

provide the best medical value to PwDs and HCPs.
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4 Continuous Glucose Monitoring (CGM)

Continuous Glucose Monitoring (CGM) has generated large research interest over

the last decades. Consequently, there are many reviews which allow for a very good

overview of employed techniques, results, trends of development, and challenges

which remain to be mastered [222–232]. The emphasis of this review is the

description of sensor technology which is currently used in CGM systems. We

shall therefore focus on the description of minimally invasive electrochemical

biosensors and associated systems. Prior to describing technical sensor details

from our industry perspective in Sect. 4.2.2, we try to offer a sufficiently detailed

overview about published insight concerning the sample matrix, subcutaneous

tissue (see Sect. 4.2.1). We hope the reader will excuse the extent of this section

after appreciating that subcutaneous tissue constitutes a highly variable, and if one

may say so in a scientific context, hostile environment from the sensor’s perspec-
tive. Since differences between BGM and CGM systems, as we encounter them, are

very significant, the reader may find a structured overview in Sect. 4.2. Prior to and

during use, the quality of any CGM sensor and CGM system is assessed by the

patient, healthcare professional, payers, and regulatory authorities. We thus feel

obliged to start this review with requirements (see Sect. 4.1).

4.1 Requirements

4.1.1 Personal User Requirements

PwDs, who rely on insulin therapy and currently utilize SMBG in order to monitor

blood glucose levels, have been increasingly using CGM systems for different

reasons. Patients on multiple daily insulin injections (MDI) are looking for a system

which provides not only glucose concentration but also glucose trend information.

Application as well as wear of sensor-patches is expected to be painless and hassle-

free, to compare favorably with finger-pricking and blood dosing. SMBG required

for CGM sensor calibration should be kept to a minimum; the recorded data is

desired to offer the same performance as SMBG systems over a maximum time

span of at least 1–2 weeks and should be displayed whenever requested by a

separate receiver. Demands on the allowable distance between the patch worn on

the body and a receiver, which displays data and which may transfer data to

secondary devices, vary largely. Parents and caregivers who want to monitor the

glycemic status of a child require long-range communication capabilities in con-

trast to individual patients who do not transfer data directly to others or may only

require read-on-demand data display. Patients who are relying on continuous

subcutaneous insulin infusion (CSII) introduce additional demands onto a CGM

system targeted toward increased safety and improved control of diabetes. Clearly,

reliable alarms, triggered when exceeding set glucose concentration levels or
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leaving a defined glucose concentration range need to be implemented, asking for

very high accuracy, precision, and reliability of sensor readout. Therefore, long-

range communication between the body-worn patch and the receiver needs to be

implemented to ensure communication under all relevant circumstances. Constant

monitoring of glucose levels, i.e., constant display of the glycemic profile, must be

possible in addition to continuous spot and trend information. Insulin bolus recom-

mendation is expected, and ease of data transfer to the HCP is asked for. Patients

who are concerned about nocturnal hypoglycemia have been interested in sensor-

augmented, automatic pump shutoff (see also Sect. 4.3.1) and predictive alarms in

order to feel safe. Improvement in sensor performance has also nurtured interest in

more extended control of insulin pump action, i.e., the development of an Artificial

Pancreas Device Systems (APDS). Due to the continuous use of insulin catheters,

this patient group clearly is interested in integration of insulin dosing and subcuta-

neous glucose monitoring systems into one patch in order to facilitate use.

Current and soon-to-be launched CGM systems already meet some of the above

requirements. Some expectations, however, will need to be adjusted. Sensor per-

formance (see Sect. 4.3.2) has improved considerably, allowing for very good

agreement of glycemic profiles derived from CGM data and SMBG reference

measurements. Time of wear has been extended to up to 2 weeks [233]. Patch

size has become attractively small, allowing for ease of wear. Trend information

and alarms are being offered. First steps toward an APDS have been made. In short,

patients have been experiencing unprecedented features more recently, which have

allowed CGM systems to provide enhanced information about glycemic profiles

and providing additional safety. However, CGM performance is inherently limited

by physiological time lag between blood and interstitial fluid, in particular during

phases of high glycemic variability. Consequently, CGM systems will be incapable

to meet current SMBG performance metrics at every point in time (see Sect. 4.3.2

for CGM system accuracy). Also, accuracy will remain dependent on the number

and the point in time of SMBG-based calibrations. Patch size will remain dependent

on the required use and thus the derived system concept. Battery capacity needed to

power measurement, recording, and importantly, data transfer, differs largely

depending on measurement, recording frequency, and data transfer frequency, as

well as communication range. The integration of insulin dosing and CGM remains

challenging for two major reasons. Firstly, insulin catheters and CGM sensors tend

to be worn for three days and 7–14 days, respectively. Secondly, the signal of

current CGM sensors is influenced by insulin release, asking for spatial separation

of insulin catheter and CGM sensor.

Summarizing, a one-size-fits-all CGM application offering ultimate accuracy

which allows for insulin dosing, requiring no SMBG-based calibration, a body-

worn patch barely larger than a fingernail, extensive and frequent long-distance

communication over weeks of use, integrated with an insulin catheter, remains a

considerable challenge. Increased adoption of CGM systems by different user

groups may thus result in further differentiation of CGM systems in the future.
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4.1.2 Healthcare Provider Requirements

CGM system requirements directed to a healthcare provider are greatly dependent

on the setting and the use case. The settings can be broadly divided between

inpatient and outpatient. The most common outpatient situation is an endocrinolo-

gist, diabetes nurse educator (DNE), or general practitioner (GP) managing the

diabetes, and perhaps other conditions, of a patient during regular visits [234–

236]. The workflow of the office visit demands efficient evaluation of the patient

status, needs, and effective delivery of required care. The outpatient may use a

professional CGM system or a personal CGM system. The professional CGM

system may be a reduced‐function system of the Holter Monitor type, which only

records data over the use time, or it may be similar to the personal use systems

which display calibrated glucose results on a separate device. Critical for the

professional system is the ability to clean and disinfect any reusable system

component. The outpatient system must meet the same requirements of robustness,

ease of use, and convenience as a personal CGM system for the patient. It must also

provide easy recovery of the stored continuous glucose data, any associated BGM

data, and any auxiliary data collected by the patient over the use interval through

transfer to, e.g., PC-based analysis software. The data must be quickly analyzed and

formatted to a standard presentation for the HCP and patient. The software may

implement rule-based evaluation of the results to guide the HCP in the analysis,

recommendations, and education of the patient [237]. The performance required

depends on the treatment or education goal of the professional system use

[238]. Identification of the undiscovered hypoglycemia is an important goal

[235, 239, 240] that is made difficult and less reliable by the performance of the

available systems in the hypoglycemic range and the occurrence of signal devia-

tions, or dropouts, especially at night [235]. A personal CGM system may be used

by the HCP in the same way as a professional system [241] and must then meet

similar requirements for download and evaluation of the saved results. There is no

stringent requirement for cleaning and disinfection of any reusable part, however,

as long as the system is used as a single patient system and not as a multiple patient

system. A significant alternate use case for the outpatient professional continuous

monitoring is the dialysis patient, many of whom are diabetic. Continuous glucose

monitoring, by providing real-time feedback on the progress of dialysis, can

optimize glucose control to prevent hypoglycemia and hyperglycemia during the

dialysis procedure [242].

Care of a PwD in an inpatient setting requires managing glucose levels in

circumstances which differ greatly from the patient’s normal daily routine. Changes

in diet, activity level, stress, illness, and other medications all affect the glucose

levels and insulin sensitivity of the diabetic patient. In addition, patients without a

diagnosis of diabetes frequently experience dysglycemia in an inpatient situation

[243]. It has become increasingly clear that effective management of hyperglyce-

mia in the hospital setting improves outcomes, reduces complications and length of

stay, and thereby reduces costs [244, 245]. More aggressive management of
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hyperglycemia, however, leads to increased risk of hypoglycemia and its associated

morbidity [245, 246]. Current standards for managing glycemia [244, 247, 248] rely

on POC blood glucose measurements, either with specific professional systems

(e.g., Nova Biomedical Stat-Strip®, iStat® by Abbott) or with home-use systems or

a hybrid system in which the same disposable is used with a professional meter

(e.g., Accu-Chek® Inform II with Accu-Chek® Performa). Measurements are made

periodically at 30-min to 6-h intervals, depending on the treatment protocol. The

performance of these systems in the POC setting relative to laboratory analysis has

been questioned, but the clinical value of the immediate result and treatment seems

clear [32]. A CGM system for use in the inpatient environment does not need to

have the equivalent ease of use and ergonomic requirements of a system for over-

the-counter use, since the application and management of the system is performed

by attending medical personnel. However, additional requirements similar to those

relevant to the POC BGM systems become relevant, such as connectivity for

monitoring and data transfer and periodic performance verification. Use of CGM

in the inpatient environment would reduce the testing burden on the HCP and

potentially improve the detection of hyper- and hypoglycemia [245, 249]. Clinical

trials have been conducted comparing the performance of subcutaneous sensors in

inpatient and critical care situations [250, 251]. The current focus is demonstrating

equivalent or superior performance to blood monitoring. The performance required

for maintaining good glycemic control has been compared with the performance of

the current POC methods in simulation and found not to be the critical factor

[216]. Performance guidelines for POC BGM are defined by CLSI POCT12-A3

and additionally by CLSI C30A [252]. These standards define performance in terms

of pooled deviation of a large number of independent measurements from reference

values in absolute or relative limits. Proposed guidance from the FDA has been

recently issued that distinguishes requirements for professional POC use from

regular over-the-counter (OTC) use systems. The Clarke Error Grid and the Con-

sensus Error Grid define performance in terms of the possible occurrence of an error

in the subsequent treatment.

In critical care situations, the benefits and risks of aggressive glucose control are

similar to those found in the normal inpatient situation [253–255]. It is considered

of such importance to management of all patients (not only PwDs) that integration

into standard perioperative monitoring is becoming standard procedure

[256]. However, the optimum target range for glucose and best management

protocol remains under discussion [257–259]. Further, there is ongoing discussion

of the real clinical performance requirements for optimal glucose control [191].

Finally, it has been suggested that the performance of subcutaneous CGM systems

may be more influenced by the compromised physical state of a critical care,

surgical, or ICU patient [215, 260] than by the action that might be taken based

on the result [183, 184].
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4.1.3 Payer Requirements

For CGM to receive reimbursement in outpatient use, it should be capable of

providing the same or greater utility or significantly improve the standard of care

and outcomes. Some currently available CGM products are labeled as adjunctive

devices, meaning that the user should not make a significant treatment decision

based on the CGM estimate only. Especially in the case of hypoglycemia or rapidly

changing glucose concentrations, the user is advised to verify the CGM result with a

BGM result.

Reimbursement for CGM for PwDs as an alternative or extension to blood

glucose monitoring varies significantly across countries and across healthcare

funding organizations [261]. Studies are beginning to show that the use of CGM

can result in a reduction of HbA1c in selected patient groups as well as decrease

severe hypoglycemia [262, 263]. The American Diabetes Association statement of

Standards of Medical Care in Diabetes 2014 indicates that under certain circum-

stances, CGM can improve the glycemic control of patients with T1 and T2

diabetes, even those under relatively good control [2]. Studies which demonstrate

improvements in glycemic control in children are mounting [263, 264]. Neverthe-

less, many insurance providers limit reimbursement to cases in which specific

problems in glycemic control are documented, such as frequent hypoglycemia,

hypoglycemic unawareness, and failure to maintain good glycemic control as

determined by HbA1c values. Variability of reimbursement clearly raises similar

questions, such as clarity, suitability, and transparency of criteria used for reim-

bursement decisions, as expressed recently by the European Diagnostics

Manufacturing Association (EDMA) position paper on Health Technology Assess-

ment for IVDs in the context of market access [130]. Professional use of episodic

CGM for the evaluation of the glucose control of PwDs or being at risk of

developing or progressing to diabetes is increasing greatly [235, 236, 271]. The

development of standardized, automated data analysis and display tools is enabling

HCPs to evaluate the status of a patient in a convenient way [272]. Diabetes

management education is widely recognized as critical to managing the costly

consequences of poor glucose control [124]. Professional CGM has been shown

to improve communication and understanding of diabetes management principles.

Studies documenting improvements in outcomes or reduction in subsequent costs

of care are mounting [234, 271]. For the inpatient and critical care patient, there is

adequate evidence to support not only the outcome benefit but the economic benefit

of tight glucose control, at least in adult patients [273, 274]. Continuous monitoring

must demonstrate satisfactory (equivalent) performance and either a significant

improvement in outcome or significant cost or workflow benefit to be accepted as

a routine replacement for BGM in the inpatient environment. Current studies are

focused on comparing performance, after which improvements in outcome or

workflow can be addressed.
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4.1.4 Regulatory Requirements

The currently available CGM systems do not meet the performance standards of the

BGM systems for regulatory approval (ISO15197). Especially in the hypoglycemic

range and in times of rapid glucose change, the results can diverge significantly.

Performance metrics equivalent to those for BGM have not yet been issued by

regulatory organizations for CGM, but several proposals have been put forth and

used in the evaluation of existing products and prototype systems [265–267]. The

proposals vary in details, but in general require reference blood glucose values to be

compared with time-matched CGM glucose estimates at certain times or in certain

circumstances. The CLSI guideline performance metrics for continuous interstitial

glucose monitoring (POCT05A) utilizes mean absolute relative deviation (MARD),

which is similar to the ISO 15197 criteria in comparing estimated CGM values to

reference values. MARD is known to be insufficient and unreliable as indicator of

CGM system accuracy [268] due to differences in study protocols, i.e., potentially

different numbers and types of study subjects, degree of glycemic variability

monitored, duration and conditions of the clinical study, frequency and kind of

reference measurements, as well as data analysis methods. Precision absolute

relative difference (PARD) compares the results of two CGM devices and has

been proposed as a useful method to ensure that the evaluation of sensor perfor-

mance includes data from all of the use time of the sensor, not just when reference

values are available. Error grid analysis of paired CGM and reference values is also

discussed, with modifications due to the physiological time lag of the interstitial

glucose and the addition of trend information in the CGM results [269, 270].

As previously noted, medical devices are developed and marketed under strict

regulatory requirements to ensure safety and efficacy. The transcutaneous nature of

the minimally invasive CGM systems on the market and in development creates

additional requirements on the materials, processes, packaging, and delivery of the

devices. In vitro diagnostic devices are considered to be a subclass of medical

devices, and a separate EU regulation (98/79EC) applies. In contrast to in vitro

diagnostic devices, medical devices need, e.g., a biocompatibility assessment, and

for invasive sensors also sterilization, disinfection requirements apply. As such, the

materials used in the construction of the transcutaneous part of the sensor, and the

complete sensor itself, must be biocompatible in the sense that the sensor exhibits

no toxicity toward the surrounding tissue.

ISO 10993 standard family regulates the testing required for a determination of

biocompatibility for tissue contact devices. Cytotoxicity testing is a basic require-

ment for the biocompatibility assessment. The cytotoxicity assay requires the

elution of the sensor with physiological saline and the evaluation of the effect of

the eluate on living cells. This can be critical for enzymes which are not properly

immobilized, plasticizers in substrates or membrane layers, and the often-used

reference electrode material silver/silver chloride. Also relevant for CGM sensors,

but not addressed by the elution test, is the effect of the enzymatic reaction in the

sensor in the absence of polarization of the sensor. First-generation sensors which

Electrochemical Glucose Biosensors for Diabetes Care 43



function by oxidation or reduction of hydrogen peroxide at the working electrode

may allow hydrogen peroxide to escape into the environment, while the sensor is

not polarized. Sensors rely on catalytic materials to react with hydrogen peroxide to

reduce the impact of this process by H2O2 disproportionation [275, 276].

Sterilization of the completed sensor which will be inserted into the user can be

accomplished with any of the standard sterilization methods, but each has its

drawbacks for electrochemical sensors. Radiation sterilization can damage the

enzyme reagents as well as electronic components which may be part of the

sterilized subsystem. The dosage of radiation must be controlled, and a certain

reduction in enzyme activity must be expected. Heat sterilization also deactivates

any enzyme-containing reagent. Chemical sterilization via, e.g., ethylene oxide is

likewise destructive to the biochemical system, although not the electronics. Cur-

rent products are sterilized via radiation, e.g., electron beams. The interaction of the

sterilization method and other system components must also be considered. Radi-

ation is known to influence the structure and performance of polymers and adhe-

sives and may alter the cytotoxicity of the finished, packaged, and sterilized device

[277, 278].

The regulatory requirements for biocompatibility and sterility increase the time

and cost of product development for CGM sensors, as all materials and sensors to be

used in any experimental programs or clinical trials must be evaluated and satisfy

the requirements of the standards.

4.2 Monitoring Systems

Currently, advanced continuous glucose monitoring (CGM) systems differ from

BGM systems in several respects. The nature and accessibility of sampling com-

partments are significantly different. Capillary blood, extracted from the fingertip,

is widely used as a sample for BGM systems. Continuous sample extraction is,

however, not feasible for CGM systems in an outpatient setting due to the imprac-

ticality of blood extraction and due to the difficulty of extracting sufficient volume

of ISF over time of use [279]. CGM approaches have therefore relied either on

indirect sampling of ISF or on direct measurement of glucose in fatty tissue at

different insertion sites. Microdialysis and microperfusion probes have been used

for indirect sampling, followed by extracorporeal detection of glucose within the

microdialysate or microperfusate [280–284]. Microdialysis and microperfusion-

based approaches benefit from using diluted ISF as the sampling matrix, which

helps to attenuate the degree of biofouling of electrode surfaces. However, they add

to system complexity, size, and cost due to the necessity of providing a high level of

fluidic control at very low flow rates [285]. Most commonly, minimally invasive

CGM systems utilize disposable so-called needle-type sensors which may seem to

resemble miniaturized test strips at first sight yet reveal important differences at

more detailed examination.
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CGM needle-type sensors tend to be significantly smaller due to the need for

implantation. Typical sensor widths and functionalized lengths of CGM needle-

type sensors are in the range of 0.2–0.7 mm and 5–10 mm, respectively. CGM

needle-type sensors need to prevent any electrode component from leaking into the

tissue environment. Unlike in BGM sensors, CGM needle-type sensors may not

utilize leachable mediators, enzymes, or electrocatalysts. Further, in contrast to

BGM test strips, CGM needle-type sensors need to provide test electrodes whose

composition does not change over the total time of measurement. This requirement

has proven to be a major obstacle to highly accurate and reliable needle-type

glucose sensors over a long time of CGM development and has thus attracted a

multitude of research efforts (see Sect. 4.2.2). In the case of extracorporeal CGM

flow-through sensors, the flow-system needs to prevent leakage of sensor compo-

nents which may be toxic or may cause deterioration of sensor performance

over time.

Further, there is a fundamental difference between BGM and CGM systems

regarding number and nature of functional elements. The measurement of blood

glucose fundamentally requires three functional elements: a disposable lancet to

extract sample, a disposable test element to receive the sample and to generate a

signal based on glucose concentration, and a reusable device to measure glucose

concentration and to display its value. Commercialized needle-type sensor-based

CGM systems also need to penetrate the skin barrier and need to place the sensor at

a defined position within subcutaneous fatty tissue in a painless fashion, followed

by extraction of a canula, immobilization via a bodymount which needs to be

connected with a measurement and transmission unit which communicates with a

separate receiver. Insertion depths of sensors are typically 8 to 10 mm underneath

the skin surface, whereas lengths of sensors, which are inserted at an angle of either

45 or 90�, are typically between 8 and 15 mm. Typically a cannula of 0.45 to 1 mm

diameter is guided into and out of subcutaneous tissue via an insertion device which

can be implemented in a disposable [66] or reusable fashion [286]. Insertion depths

of microdialysis, microperfusion catheters, or ultrafiltration probes are somewhat

more variable compared with needle-type sensors due to manual insertion. Inser-

tions angles are frequently not defined; however, typically a small angle is used for

insertion in a skinfold. Microdialysis catheters as well as microperfusion probes,

typically several centimeters long and less than 2 mm in outer diameter [280, 281,

283, 287], tend to be longer and somewhat wider than active sensing areas of

implanted sensors.

Detection and calibration methods identified to be suitable for BGM and CGM

systems are not identical. BGM systems are based either on photometric [71] or

electrochemical [288] detection approaches, whereas CGM systems which have

shown advanced clinical performance rely exclusively on electrochemical sensors.

While BGM systems routinely rely on factory-based calibration of test element

batches, only one continuous glucose measurement system [233] advertises the

possibility of renouncing reference-based in vivo calibration measurements. Other

CGM systems rely on the daily use of a BGM system for calibration of filtered

CGM data [289, 290].
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Data quantity per daily application of a BGM and a CGM system varies largely.

For example, a frequent BGM user may sample seven times per day, generating

seven glucose values which need to be stored in memory. The typical CGM user

generates 288–1,440 glucose measurements (1 measurement/minute) which not

only need to be stored but typically also require several data processing steps and

regular data transfers to a receiving unit prior to displaying the result. The abun-

dance of CGM data further asks for different display options in order to provide

access to glycemic profiles as well as derived information, such as trend and

forecasting information.

BGM systems need to ensure a reproducible mechanical interface between the

measurement device and the test strip over the time of one measurement, which

typically takes a few seconds. CGM systems need to do so over a time span of 6 to

14 days, while the system is worn by the patient during his daily routine which asks

for different solutions of mechanical coupling and electrical connections. CGM

measurement devices need to be attached to the patient’s skin via adhesive patches

commonly used for transdermal applications [291–293]. BGM test strips do not

require sterilization prior to use. CGM probes or CGM sensors need to be sterile

prior to use since they are inserted subcutaneously. Materials used for construction

of the implants need thus to resist sterilization conditions, and the combination of

materials needs to meet ISO 10993 biocompatibility requirements.

Size and weight of BGM and CGMmeasurement devices vary significantly from

each other. In general, the size of BGM measurement devices tends to be deter-

mined by the ease to read displayed information and by the ease to perform the

coupling of test strip and measurement device. BGM meter size is always balanced

against the particular requirement of the respective user group. While BGM meter

size has been decreased impressively (see, e.g., the Accu-Chek® Aviva Nano),

larger BGM meters have been introduced into the market place [294–296], which

integrate the measurement device, the test strip magazine, and the lancing device to

allow increased facility of frequent testing. In contrast, CGMmeasurement devices,

which are attached to the human body and require no display function, are designed

to be as little and light as technically possible to allow for comfort and safety of

discreet wear [66].

4.2.1 Sample Matrix

The immediate surroundings, the matrix, of any sensor affect mass transfer of

educts and products from and to the sensor. Also, endogenous and exogenous

interferents as well as ambient effects may lead to significant unspecific sensor

response. These effects have successfully been tackled by BGM sensors (see, e.g.,

[297]). CGM sensors, which need to measure glucose continuously over days, have

to tackle additional issues which complicate accurate, precise, and reproducible

measurement over time. Issues will be listed and discussed in subsequent

paragraphs.
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1. The sample is typically not whole blood, but interstitial fluid (ISF). ISF glucose

levels tend to lag behind blood glucose levels.

2. The ISF containing matrix, which surrounds the sensor, is typically fatty tissue,

which is injured during insertion of the biosensor and is subsequently signifi-

cantly changing its composition after insertion, as described briefly below. The

diffusion coefficients of glucose, oxygen, potential interferents, and electrode

reaction products may thus change over time. Oxygen itself is known to be

present at varying concentration [298–300] and may lead to varying reaction

rates at the electrode, depending on the respective sensor measurement technol-

ogy (see section “Sensor Technology Used in Commercialized Systems”).

3. Leakage of sensor components into the surrounding tissue needs to be prevented

(see section “Enzyme Electrode”).

4. Enzyme and electrocatalyst activity need to be maintained over time of use;

electrode fouling [301] needs to be prevented. The choice of membranes and

coatings, which shall be highlighted in sections “Diffusional Barrier Membrane”

and “Biocompatible Coating”, is of paramount relevance.

5. The sensor needs to withstand mechanical stress during time of wear. Integrity of

sensor carrier foils or wires, typically 30 to 300 μm in thickness and conductive

traces, typically 50 to 500 μm in width, needs to be guaranteed for reliable sensor

function and for complete sensor extraction.

6. Artifacts induced by movement of the sensor within the sampling compartment

need to be prevented by proper cutaneous immobilization of the sensor base.

7. Biocompatibility requirements which are described in ISO 10993 need to

be met.

In general, ISF glucose levels are not identical to venous glucose levels at any

time. ISF glucose levels were shown to be almost identical to venous plasma during

steady state by microdialysis-based glucose extraction from ISF [302, 303]. It was

also shown that ISF glucose levels are lower than plasma glucose levels, which is in

agreement with whole blood glucose levels which are typically lower than plasma

levels [304]. During times of rapid blood glucose change, levels from alternate sites

differ considerably, an effect which was attributed mostly to blood flow variability

[305]. Blood flow to the fingertip and the palm is about 5–20 times faster than to the

alternate ISF sampling sites such as the forearm. ISF glucose values lag behind

blood glucose levels during rapid changes. The rate of glucose transport to ISF will

largely depend on the total blood flow to the area, which is determined by the

number of capillaries, the permeability of capillary walls which can be changed,

e.g., by nerve stimulation [306]. On the other hand, glucose uptake, enhanced by

insulin, is determined by the metabolic rate of the cells. A model developed by

Steil, Rebrin, and coworkers [307, 308] helps to predict quantitatively the resulting

ISF glucose concentration (Fig. 4).

As recently reviewed [309], several groups have measured a time lag of CGM

signals and blood glucose levels. In addition to the just-described physiologic

component, an instrumental (analytic) component, resulting from the time required
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for analytes to diffuse through sensor elements before signal transduction and a data

processing component dependent on signal noise, needs to be taken into account.

Minimally invasive electrochemical sensors typically measure ISF glucose

concentration in subcutaneous adipose tissue. The sensor tip, which contains

working, counter and reference electrodes, is surrounded by fat cells and interstitial

fluid (ISF). ISF serves as the liquid carrier of nutrients, allowing transport through

microscopic compartments of ISF, which surrounds the fat cells. Due to capillary

walls, protein content in ISF is reported to be about 2/3 lower than in blood plasma,

featuring an average albumin/globulin ratio of 1.85 [304]. Subcutaneous adipose

tissue is highly vascularized with capillaries of significantly lower wall thickness

than found in the dermis [310], thus allowing for relatively fast transfer of nutrients

to ISF, to fat cells, and thus also to the sensor which is embedded therein. In

contrast, the epidermis is not favored as the sampling compartment since it is an

avascular epithelial membrane, containing enzymes which break down

glucose [311].

Sensors are typically inserted into the abdominal region, at the back of the upper

arm, or at the upper buttock with the help of an inserter, which is applied by the user

to the skin surface. The inserter carries the sensor and a cannula surrounding the

sensor, which serves to puncture the epidermis and dermis. Commercially available

inserters [66] aim to achieve fast and reproducible application of the sensor and

Fig. 4 CGM sampling environment as introduced by Rebrin et al. [308]. Diffusion of glucose

from plasma to ISF is in proportion to the concentration in each compartment, whereas ISF glucose

is cleared by uptake of the surrounding cell. C1 glucose concentration in plasma, C2 ISF glucose

concentration, k12 forward flux rate for glucose transport across the capillary, k21 reverse flux rate
for glucose transport across, k02 glucose uptake into the subcutaneous tissue, V1 volume of

plasma, V2 volume of ISF
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withdrawal of the cannula, resulting in the sensor tip placed typically 7–10 mm

under the skin surface and a sensor shaft extending through the subcutaneous tissue,

epidermis, and dermis and allowing for an extracutaneous electrical contact canal

via a measurement unit. The insertion of a sensor by the cannula leads to a wound

healing process whose complexity has been described in detail [see, e.g., [312–

314]]. The response to the persistent presence of a sensor, i.e., a

non-phagocytosable foreign body, leads to host responses to neutralize this foreign

body, followed by reconstitution of the injured tissue by formation of fibroblastic

scar tissue [312]. As described by Anderson et al. [312], six different host reactions

have been distinguished. Firstly and immediately after sensor insertion, blood

proteins adsorb onto the outer coating of the sensor, creating the interface for

subsequent host interactions. Secondly during acute inflammation, polymorphonu-

clear leukocytes (PMNs) accumulate at the site of injury within minutes to days

after insertion, resulting in the formation of reactive oxygen species and release of

cytokine mediators. Thirdly, monocyte-derived macrophages and lymphocytes

determine chronic inflammation, which is reported to extend to typically 2 weeks

when using biocompatible materials [312]. Several chemokine and cytokine medi-

ators, IL-1β, IL-6, IL-8, and TNF-α, have been identified during this phase.

Macrophage-induced accumulation of fibroblasts and endothelial cells wound

healing marks the start of the next wound healing phase, forming granulation tissue

prior to scar formation or fibrosis. Granulation tissue is supplied by blood via new

capillaries created by angiogenesis. Fibroblasts synthesize collagen, which forms

the basis of the fibrous capsule. In a fifth phase, the foreign body reaction takes

place during which giant multinucleated cells, so-called foreign body giant cells

(FBGCs), are formed by fusion of macrophages. The extent of FBGCs is reportedly

[312] dependent on the topography of the sensor surface, whereas smooth surfaces

result in a thin layer of macrophages with fibrosis, whereas rough surfaces are

reported to result in greater number of macrophages. Clearly, the resulting cell

sheath creates a diffusional barrier to reagents and products of electrode processes,

subsequently leading to undesirable decrease of local concentration of glucose at

the measuring sensor interface and thus to declining sensor sensitivity over time.

Finally, the formation of a fibrous capsule, which is reported to attain a thickness of

more than 100 μm [301], further isolates the sensor from healthy tissue [100, 314–

316] and further decreases influx of reagents and efflux of products. Summarizing,

the implanted sensor, which is designed to measure glucose concentration in

healthy tissue, ends up to actually sample tissue which has been created as repair

tissue after injury.

Since CGM has been gaining more widespread acceptance, multiple subsequent

sensor insertions per patient have gained relevance. Consequently, an eventual

insertion effect was investigated with multiple sensors carried by one diabetes

patient. Single-digit precision absolute relative difference (PARD) points to a

small effect of insertion onto sensor performance [266], given that a

non-negligible sensor-to-sensor variation needs to be taken into account. A recent

study [317] shows that the coefficient of variation of in vivo sensitivity is
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significantly higher than for in vitro sensitivity. It was also shown that sensitivity of

four sensors worn simultaneously by one subject may vary considerably.

As expected, sensor sensitivity in vitro, measured in aqueous buffered glucose

solutions, and in vivo, measured in ISF, may differ significantly from each other.

While an effect of the nature of the sensor coating interface to tissue onto the

coefficient of in vitro and in vivo sensitivities is expected, it is currently less clear,

how large a variation of in vivo sensitivity should be expected when applying

sensors of the same architecture material composition and manufacturing a batch to

a large population of diabetes patients.

4.2.2 Sensor Technology

Since pioneering academic work introducing an electrochemical implanted glucose

biosensor [318–324], there have been very significant industry efforts to make

continuous glucose sensing an accessible monitoring tool for the diabetic patient.

The requirement of high accuracy, precision, and reliability of reproducible glucose

measurement with a miniaturized, implanted sensor over a time of up to 2 weeks

has directed research and development toward four main challenges: first, manu-

facturability of a biosensor with a small footprint (see also Sect. 4.2.3); the

challenge of developing a reproducible process for the production of millions of

implanted biosensors which are typically less than 1 mm wide and typically 10 to

30 mm long, with tightly controlled electrode size and coating thickness, has

frequently been underestimated; second, an enzyme electrode, which offers specific

response to glucose over weeks; third, a diffusional barrier which controls mass

transfer of glucose, possible interfering species, and oxygen to the enzyme elec-

trode and consequently allows for stable sensor response; and, last, a biocompatible

coating, which controls the interface between the sensor surface and the human

body and minimizes buildup of protein and cell layers which diminish mass-

transfer rates from and to the enzyme electrode. We shall first describe the main

challenges and refer to exemplary solutions in sections “Sensor Layout” to “Bio-

compatible Coating” prior to focusing on technology which is used in CGM

systems which is currently commercialized or will be commercialized briefly (see

section “Sensor Technology used in commercialized Systems”).

Sensor Layout

Three approaches have been pursued, each offering processing advantages in some

steps, setbacks in others. First, the traditional wire-based sensor has been pursued

and led to the sensor developed by DexCom. At least two electrodes, a working and

a reference electrode, are arranged concentrically. A large area of the reference

electrode ensures constancy of its potential, eliminating the need of a separate

counter electrode. Advantageously, sensor diameters can be small, since the elec-

trode area extends around the entire circumference of the wire. This format
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complicates, however, the introduction of a multitude of different electrodes and,

second, a planar sensor layout, wherein a working, a counter, and a reference

electrode are deposited on one side of a more or less planar, flexible substrate.

This approach is very well suited to utilize already established manufacturing

processes for electrode deposition and coating. However, very tight manufacturing

tolerances are needed when attempting to realize small sensor widths. For example,

the current Medtronic Enlite™ sensor [325] is an exemplary embodiment of this

sensor layout. The sensor currently developed by Roche [276] is a variant of this

approach, shifting one electrode to the backside of a planar sensor substrate. Third,

conductive traces connecting electrodes and potentiostat can be assembled on top of

each other instead of side by side, allowing for a small footprint (see [326] for a

commercialized example). This approach is very well suited to decrease sensor

width, yet adds complexity to the manufacturing process.

Enzyme Electrode

The working electrode needs to meet several different demands: provide suffi-

ciently high enzyme activity over time of use to avoid enzyme limitation of sensor

response, allow for minimum polarization voltage to execute the redox reaction,

adhere strongly to the strip conductor or wire to prevent increase of contact

resistance over time, adhere strongly to the barrier membrane deposited on top to

avoid increase of sensor sensitivity and leakage of electrode components into the

surrounding tissues, and facilitate reproducible deposition. In contrast to BGM

systems, CGM sensors have remained GOx based, mostly due to the convenience

of using endogenous oxygen as mediator and due to its stability during processing,

sterilization, and storage. GOx has been immobilized successfully in different ways

to prevent leakage and to minimize enzyme denaturation during processing.

Dispensing GOx containing solutions or suspensions onto electrodes and admix-

ture of GOx into electrode inks or pastes may lead to adhesive immobilization onto

electrode components. Also, GOx was modified to decrease the actual diffusion

coefficient and to allow for a multitude of anchoring sites [327]. Further, GOx has

been encapsulated to allow for glucose and oxygen access [328], yet exclude GOx

leakage. Alternatively, GOx has been coupled covalently to electrode components,

be it nonselectively via coupling agents such as glutaraldehyde [325] or selectively

to the conductor, frequently a carbon component, an electrocatalyst, or a polymeric

binder via established linking methods [329]. Clearly, adhesive immobilization of

GOx itself, intrigues due to its simplicity, may however suffer from fairly low

binding constants which are dependent on the electrode environment. Admixture of

GOx is highly attractive if a sufficiently porous electrode can be realized under mild

conditions. Encapsulation and covalent linkage are elegant immobilization

approaches, which however may significantly lower the total accessible enzyme

activity per electrode mass as compared to unmodified GOx.

Currently, all available continuous glucose sensors are based on mediation of

electron transfer from the active center of GOx by oxygen or by an immobilized
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osmium-based redox polymer. The oxygen-mediated transfer requires fairly high

polarization voltage of typically more than 500 mV vs. SCE. Addition of an

electrocatalyst such as manganese dioxide lowers the polarization voltage to typ-

ically 250–350 mV. The osmium-based redox polymer typically works at polari-

zation voltages of 100 mV vs. SCE or less. While minimization of polarization is

desirable in general, its relevance for CGM is somewhat decreased in comparison to

BGM for one major reason: concentration of interfering substances, such as acet-

aminophen, has been reported to be lower in ISF compared to whole blood [330].

Sufficient retainment of GOx typically involves an electrode matrix such as an

ink or a paste. In order to ensure sufficient adhesion to the conductive trace, water

uptake of the electrode matrix over time has to be limited to avoid partial or

complete delamination. To this end, adhesion-promoting layers have been reported.

Intimate contact of the diffusion barrier with the working electrode may again

strictly rely on sufficient adhesive bonding and utilization of an adhesion-

promoting layer or rely on cross-linking of the diffusional barrier on top of the

electrode.

Reproducible definition of electrochemically accessible electrode area requires

reproducible raw materials, reproducible surface energy of sensor substrate, repro-

ducible dispersion of all electrode components and reproducible viscosity of all

media, and transfer of reproducible matrix volumes. Since CGM sensors feature

very small electrodes with a typical thickness of 20 μm or less and characteristic

electrode dimensions of 500 μm or less, these requirements tend to be more

challenging than for BGM sensors.

Diffusional Barrier Membrane

The working electrode of a CGM sensor needs to be covered for two reasons: first,

to avoid leaching of electrode components, such as GOx, into the surrounding tissue

and second, in order to decrease the mass-transfer rate of glucose toward the

electrode. A CGM system relies on the ideally linear response of its amperometric

biosensor from 2 to 30 mmol glucose per liter. The mass-transfer rate of glucose

through the diffusional barrier needs to be 4 to 5 orders of magnitude smaller than in

aqueous solution to avoid limitation of sensor response by enzyme saturation. For

oxygen-dependent sensors, oxygen excess is required, introducing a further com-

plication for in vivo applications, since oxygen concentration in subcutaneous

tissue is up to 300 times lower than glucose concentration [323, 331–336]. Conse-

quently, the diffusion barrier needs to be selectively oxygen permeable for oxygen-

dependent sensors. In vivo use leads to an abundance of additional requirements

which need to be met. Sensitivity, i.e., the background corrected sensor current

divided by blood glucose concentration, needs to be as constant as possible after

insertion. Clearly this requires rapid and reproducible wet-up of the diffusion

barrier layer to allow for rapidly achieved constancy of the diffusion coefficients

of glucose and oxygen. It also asks for minimum change of background current by

endogenous and exogenous substances which change the background current,
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asking for a membrane which selectively blocks off interfering substances. It

thereby should also minimize reactions of interfering substances with electrode

reaction products which may lead to sensitivity changes. Also, glucose-derived

sensitivity needs to be held constant over time of use, asking for a membrane which

prevents leakage of any electrode components into the surrounding. The membrane

should suffer from minimum fouling, i.e., buildup of biological films on its surface.

Its high biocompatibility should reduce foreign body response, delaying the buildup

of cell barriers and fibrous capsules around the sensor, which reduce mass transfer

of glucose to the sensing surface. In addition, the membrane is expected to

withstand mechanical stress imposed during manufacturing and during sensor-

wear, preventing the formation of cracks which may lead to incremental change

of sensitivity over time. Membrane adhesion to the underlying sensor shaft needs to

be sufficient to avoid delamination over time. Lastly, the deposition process of

polymer membranes needs to be amenable for high-throughput production of

sensors with cover layers of tightly controlled thickness. Due to the complexity

of this optimization challenge, a multitude of different polymeric coatings and

multilayer assemblies have been proposed and implemented in the past. The

interested reader is referred to recent specific reviews [67, 313]; polymer coatings

employed in sensors shall only be highlighted in this review with particular focus

on sensors which are already commercialized or will be commercialized shortly.

The requirement of preferential permeation of oxygen versus glucose is some-

what difficult to obtain with one membrane which consists of one polymer chain of

a given hydrophilicity. A trade-off between sufficient linear range and time lag of

sensor response needs to be made. Several different routes have been pursued to

resolve this challenge. Hydrophobic membranes have been realized [335, 337, 338]

which largely decrease glucose permeation. Preferential oxygen permeation

between the subcutaneous tissue and the working electrode has been attributed to

micropores of the polymer membrane in these approaches, which may be hard to

control in a production setting. Alternatively, a multitude of different polymers,

such as Nafion [339] and polyurethane, have been studied [340–342], which is

appealing due to its relative stability and high mechanical flexibility. In order to

meet all requirements, different polymers have been blended to achieve domains of

different hydrophilicity [343], wherein hydrophobic and the hydrophilic domains

serve to enhance oxygen permeation and to control glucose permeation, respec-

tively. More frequently, copolymers and blends of copolymers have been employed

to meet all requirements.

Biocompatible Coating

Given the diverse requirements of the diffusional barrier membrane and a biocom-

patible sensor-to-tissue interface, a separate biocompatible coating is frequently

deposited on top of the diffusional barrier membrane. Two different objectives are

pursued: minimization of barrier films in the immediate vicinity and in the extended

neighborhood of the sensing surface at each given time point of measurement,
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ensuring sufficiently fast glucose transfer from blood capillaries into the fibrous

capsule upon its formation. The first objective clearly aims to decrease inflamma-

tory response, delay formation of a fibrous capsule, diminish the density of the

inside collagen layer facing the sensing electrode, and thus minimize the diffusional

and potentially metabolic barrier which leads to altering glucose mass-transfer rates

from interstitial fluid to the sensing surface. The second objective aims at managing

the sensing surface after inevitable encapsulation and is thus particularly important

for glucose sensors which are implanted several weeks or even months. Impor-

tantly, it has been emphasized [314] that wound healing after sensor insertion may

well prove to be highly variable from patient to patient, clearly pointing to the

necessity of significant clinical studies to evaluate the effect of improved biocom-

patibility membranes onto glucose sensor performance. A few reviews have sum-

marized the state of development and the direction of research of biocompatible

coatings for CGM sensors [68, 313, 314]. Briefly, biocompatible coatings with

different chemical surface structures, surface morphologies, and modulus have

been suggested and investigated. In addition, drug-eluting coatings have gained

interest for long-term use of continuous glucose sensors.

Hydrophilized hydrophobic polymers such as Nafion [344–347] and polyure-

thane (see, e.g., [348]) were originally used extensively as biocompatible coating.

Polyurethane copolymers introducing hydrophilic moieties such as polyethylene

oxide into the chain have been described to lead to favorable properties, i.e.,

decreased encapsulation [348]. In general, more hydrophilic polymers such as

phosphorylcholine [315, 349, 350], 2-methacryloxyethyl phosphorylcholine [351–

353], PEG [354], cross-linked PEG [355], PEG introduced into a

hydroxyethylmethacrylate and ethylene dimethacrylate chain, polyvinyl alcohol

[356] and water-rich hydrogels [357] have been reported more recently to reduce

protein adsorption on sensor surfaces and thereby mitigate the foreign body reac-

tion. Less frequently, hyaluronic acid [358–361] and humic acid [358] have been

utilized in outer biocompatible coatings. Turning to surface morphology, the impact

of introducing porosity into biocompatible coatings onto function of implanted

glucose sensors has been investigated by several groups [315, 362–367]. Pore size

optima were reported with regards to collagen capsule and degree of vasculariza-

tion in the tissue surrounding the implant [368]. To the best of our knowledge,

however, there is currently no published report establishing a clear correlation

between pore size and porosity of a particular biocompatible coatings and function

of continuous monitoring of human glucose levels. Flexibility and edge definition

of CGM sensors may further be optimized to minimize chronic tissue injury by

movement of the implanted sensor within the surrounding tissue. Clearly, CGM

sensors tend to be based on flexible substrates with rounded edges. The mismatch of

moduli of CGM device and the surrounding tissue may however not be negligible

(see [316, 369]).

Polymer coatings which elute anti-inflammatory and angiogenic drugs have

been considered for long-term CGM sensors [see [313] for an overview of recent

publications, i.e. sensors which are designed to be implanted over several weeks

over even months]. The integration of anti-inflammatory drugs such as
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dexamethasone has been investigated with regard to macrophage concentration

adjacent to implants [370] and extent of fibrotic encapsulation of the implant,

whereas first studies have been published demonstrating the effect of dexametha-

sone release upon performance of implanted glucose sensors [371, 372] and

microdialysis catheters [373]. It appears that dexamethasone may aid in keeping

sensor sensitivity constant over long terms of implantation. However, no clear

evidence is available currently. Vascular endothelial growth factor (VEGF), a

cytokine, known to promote angiogenesis has been suggested in order to achieve

greater capillary density in the capsule surrounding the implanted sensor and

consequently ensuring sufficiently rapid transfer of glucose to the sensor surface

[374]. While capillary density increase has been demonstrated in rat subcutaneous

tissue after implantation over 3 and 4 weeks [375, 376], increased inflammation was

reported over the entire four week study. Consequently, studies examining the

simultaneous delivery of dexamethasone and VEGF have been conducted

[375, 376] with nonuniform results regarding reduction of inflammation and

increase of vascularization, which may be attributable to decreased activity of

VEGF in the presence of dexamethasone [377–379]. No performance study of

implanted glucose sensors with dexamethasone and VEGF containing biocompat-

ible coatings has been published so far. A polyurethane/polydimethylsiloxane

coating releasing nitric oxide, and reported to be leading to reduced leukocyte

adhesion [380], deposited onto a glucose sensor, was investigated by Gifford [381]

for short-term implantation (1–3 days). While drug-releasing polymer coatings for

glucose sensors are clearly promising for creating a favorable tissue environment,

significant development will still be needed to develop biocompatible coatings

which release the respective drugs at the right dosis at the right time after sensor

insertion.

Sensor Technology Used in Commercialized Systems

Technology used in CGM systems which are currently commercialized or will be

commercialized very soon is exclusively based on electrochemical biosensors

which measure glucose concentration in ISF or in an ISF extract over a time of

up to 14 days. We shall focus on this technology. Readers who are interested in

alternative minimally invasive approaches or noninvasive approaches are referred

to extensive reviews [222, 223, 382]. We shall also not focus on the very interesting

topic of long-term sensors, i.e., fully implantable sensors, since they are not yet

available commercially. The interested reader may be redirected to a recent

review [383].

The electrochemical biosensors in commercial use for continuous glucose mon-

itoring are considered amperometric sensors. This means that the working electrode

is polarized relative to a reference electrode and the current through the working

electrode is measured as the sensor response. Sensors can use either separate

reference and counter electrodes (three-electrode sensor) or a single combined

reference/counter electrode (two-electrode sensor). A three-electrode sensor places
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fewer demands on the reference electrode, at the cost of a more complex electronic

control system (potentiostat). A two-electrode sensor requires only that a stable

potential difference be applied between the two electrodes. The combined refer-

ence/counter electrode must be able to supply the same current as the working

electrode, without significant polarization.

Initial first-generation sensors measured the reduction of oxygen on metallic

electrodes and were thus polarized at negative potentials relative to an Ag/AgCl

reference electrode [56]. In the absence of a mitigating strategy, this method would

result in the accumulation of hydrogen peroxide and subsequent loss of GOx

activity [53]. Co-immobilization of catalase, which disproportionates hydrogen

peroxide into oxygen and water, is one effective strategy for this purpose

[322]. Hydrogen peroxide-detecting sensors can either oxidize the hydrogen per-

oxide produced at a positive potential, thereby regenerating oxygen, or reduce the

hydrogen peroxide at a negative potential, forming water. Both methods have found

commercial use, though the oxidative approach is more widespread. The platinum

group metals are effective catalysts for hydrogen peroxide oxidation. The DexCom

sensors utilize a platinum wire at 600 mV vs. Ag/AgCl [384]. The Menarini

GlucoDay microdialysis system utilized a platinum electrode at 620 mV

vs. Ag/AgCl [385]. The Medtronic sensors utilize electrodeposited platinum

black to increase the efficiency and reduce the potential to 535 mV vs. Ag/AgCl

[325]. The sensor developed by Roche Diabetes Care sensor utilizes manganese

dioxide to increase the effective surface area and reduce the potential further to

350 mV vs. Ag/AgCl [276]. The mediated “Wired Enzyme™” FreeStyle® Navi-

gator™ utilizes an osmium mediator which is reoxidized at 40 mV v. Ag/AgCl,

likewise decreasing the occurrence of electrochemical interferences [60]. Hydrogen

peroxide reduction has the advantage of a lower applied potential, decreasing the

occurrence of electroactive interferences. The updated Menarini GlucoMen® Day

utilizes a Prussian blue catalyst to reduce hydrogen peroxide at �20 mV

vs. Ag/AgCl [386]. The potential at which an amperometric sensor operated

depends on the electrochemically active species, the electrode material and the

morphology, and to some extent the desired linearity, sensitivity, and specificity.

The traditional in vivo electroactive interfering substances (e.g., bilirubin, uric acid,

ascorbic acid) tend to be natural reductants, in that they can be oxidized on an

anodically polarized electrode or can react with hydrogen peroxide or oxidized

mediator species. Thus, in general, a lower operating potential is advantageous for

avoiding interferences. The current generated by these potential interferents

depends likewise on the electrode material and any sensor features designed to

mitigate the potential effects. When measuring hydrogen peroxide with a platinum

electrode at 600 mV vs. Ag/AgCl, an interferent barrier has been placed between

the enzyme layer and the electrode surface to limit the contact of alternate reduc-

tants [387]. With catalysts to reduce the applied potential [388], with low potential

mediators to reoxidize the enzyme [326], or with reductive measurement of hydro-

gen peroxide [386], no such barrier is required. It should be noted that it cannot be

assumed that the common electrochemical interferences in blood are present at the

same concentrations as in the interstitial fluid compartment in which the CM
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sensors operate. To this date, concentration of electrochemical interferences tested

has been derived from BGM system testing [389].

In contrast to the dynamic potential profiles that have become state of the art in

single-use electrochemical glucose sensors [390, 391], the commercial amperomet-

ric sensors for CGM use a single constant potential for the primary sensor response.

Patent literature however describes the application of potential pulses and alternat-

ing potentials to interrogate the sensor, to gain information regarding the sensor

status, calibration sensitivity, or the immediate environment of the sensor [392–

395]. Electrochemical impedance spectroscopy (EIS) is also being used to gain

additional information about the sensor, its sensitivity, its status, and the status of

the environment in which it is placed. Typically EIS is measured by summing the

DC potential applied to the sensor and a small AC potential (10–25 mV) in an

appropriate frequency range (e.g., 1 Hz–100 kHz). The resultant AC signal is

separated from the sensor DC response and analyzed for magnitude and phase

relative to the applied potential. Analysis of the frequency dependence of the

impedance (or its inverse, the admittance) provides information on the resistances

and capacitances of the sensor. These in turn give information on the status of the

sensor components, the environment of the sensor, and changes with time that may

affect the sensor calibration sensitivity or reliability. EIS has been used to deter-

mine when a sensor is hydrated and ready for the application of the measurement

potential [396] and for determining the sensitivity of the sensor, and whether the

sensor is still capable of measuring reliably [397–400].

The market leaders in CGM are Medtronic with the Enlite™ Sensor and

DexCom with the G4 Platinum® and G5® System. These two CGM systems each

command about more than 40% market share worldwide. Remarkably these two

market leaders both employ first-generation sensor technology, which is the result

of long evolutionary developments. The Abbott Diabetes Care Navigator® [326]

and the Menarini GlucoDay® are available only in Europe at this time and share the

remaining market share. The newly introduced Abbott FreeStyle® Libre® System

seeks to bridge the gap between CGM and spot monitoring, and has generated

significant interest since its introduction in 2014. Roche Diabetes Care has

published results of a sensor under development [266].

While the details of the production of these commercial products remain confi-

dential, the following general descriptions of the technologies involved can be

gleaned from publications and the patent literature. The Medtronic Enlite™ Sensor

is the evolutionary development of the MiniMed CGMS® and uses the same basic

technology. The electrodes are fabricated on a planar, flexible substrate using

lithographic methods originally from the microelectronics industry. A polymeric

substrate is sputtered with a conductive gold layer and the layer structured litho-

graphically to produce electrode areas and contact pads joined by conductive traces.

The working electrode receives an electrodeposited layer of catalytic platinum

black and an overlying layer of GOx in a polymer/protein matrix wherein GOx

may be immobilized by cross-linking with glutaraldehyde, carbodiimide [401, 402]

disuccinimidyl suberate (DSS), or 1-ethyl-3 (3-dimethylaminopropyl)

carbodiimide (EDC) [402]. Embodiments of GOx entrapped in poly(vinyl
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alcohol)-styrylpyridinium (PVA-SbQ), which may be UV cross-linked, were

described [403]. The reference electrode is electroplated with silver and partially

chloridized to silver chloride. The hydrogen peroxide produced by the GOx is

catalytically reoxidized on the platinum black working electrode at ca. 535 mV

relative to Ag/AgCl to regenerate oxygen and produce an anodic current propor-

tional to glucose concentration [325, 395]. Polymer compositions are described to

feature silicone, polyurethane, and polyurea chain elements [404], featuring 4 to

5 times higher diffusion coefficients for oxygen in comparison to glucose. Embodi-

ments of the more recently introduced Medtronic MiniMed Enlite™ sensor [325]

are described to additionally use a branched acrylate polymer comprising alkyl,

amino, siloxane, and polyethylenoxide (PEO) moieties. Various hydrophilic coat-

ings which show very significant volume increase upon water absorption and do not

inhibit glucose permeation have been proposed as interface layer between biolog-

ical environment and sensor [405]. PEO containing polyurethane has been

described as particularly advantageous.

The DexCom Platinum G5® sensor is the evolutionary descendent of the DexCom

STS™. The sensor is fabricated from an insulated platinum wire. A section of the

insulation is removed, and a series of membrane structures are applied to create the

working electrode area. An interference rejection layer, which was described to be

based on polyetherurethane [406], is applied first, creating a barrier to the

electrooxidation of endogenous reductants such as ascorbic acid. This barrier layer

may function through a combination of size exclusion and charge repulsion. A GOx

layer consisting of polyurethane latex and glutaraldehyde as a cross linker [406] is

applied next followed by polymer layers to reduce glucose flux and increase the

relative availability of oxygen. Polymer layers of the previous Seven® sensor’s
polymer membrane are described [407] to contain two random or ordered block

copolymers of differing hydrophilicity, preferably a polyetherurethane-urea/

polyetherurethane-urea-block-polyethylene glycol blend wherein

polyetherurethane-urea-block-polyethylene glycol constitutes the more hydrophilic

component which forms a network of microdomains and controls water uptake and

thus glucose transfer to the working electrode. More recent polymer layer embodi-

ments rely on a block copolymer with a hydrophilic and a hydrophobic block wherein

the hydrophobic block features segments of repeating hydrophilic and hydrophobic

segments [408]. Alternative embodiments are described [409] to contain blends of

polyvinylpyrrolidone and polycarbonateurethane solution as hydrophilic and hydro-

phobic polymers, respectively. Additional bioprotective layers, deposited on top of

the barrier layer, have been described (see, e.g., [408, 410]) to aid in defining a

biocompatible tissue to sensor interface. In general blends and/or copolymers of

polyurethane, such as, e.g., silicone-polycarbonate-polyurethanes with hydrophilic

components or segments consisting of PVA, PEG, polyacrylamide, acetates, PEO,

PEA, and PVP have been described to be useful in this respect. A chloridized silver

wire wrapped around the insulated working electrode or more lately an Ag/AgCl

layer deposited onto the insulating working electrode wire serves as the combined

counter-reference electrode. Hydrogen peroxide produced by GOx is reoxidized at
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the working electrode at 600 mV relative to Ag/AgCl to regenerate oxygen and

produce an anodic current [384, 387, 411, 412].

Both of these first-generation sensors must solve the problem of the oxygen

deficit. Polymer layers with greater permeability to oxygen than to glucose are used

to manage the standing deficit, and materials with greater solubility of oxygen than

the aqueous environment manage transient oxygen deficits that exceed the average

condition. Measuring hydrogen peroxide by oxidation on the anode requires a

relatively high potential, making these sensors subject to electrochemical interfer-

ences. The Medtronic sensor uses platinum black to reduce the potential. In both

sensors, specific membrane materials act to shield the anode from the endogenous

interferences, reducing the degree of interference. The oxidation of hydrogen

peroxide serves also to regenerate oxygen, mitigating the oxygen deficit.

Menarini Diagnostics has produced the GlucoMen® Day, the descendent of the

GlucoDay™. This product utilizes a small peristaltic pump to drive a dialysis fluid

from an external reservoir to a subcutaneous microdialysis fiber. In the fiber, the

glucose concentration equilibrates with that in the interstitial space. The continued

pumping transports the glucose-enriched fluid to an immobilized enzyme sensor in

an extracorporeal monitor. Here, the dialysate impinges on a wall-jet cell

containing a screen-printed glucose sensor. The sensor contains a platinum elec-

trode and a catalyst (Prussian Blue, ferric hexacyanoferrate) that catalyzes the

reduction of hydrogen peroxide at moderate potential (�40 mV vs. Ag/AgCl)

[413, 414]. The electrode is covered with a cellulose acetate membrane for inter-

ference rejection, a nylon net carrying immobilized GOx, and a polycarbonate

membrane as the barrier layer. This first-generation sensor solves the oxygen-

deficit problem by diluting the glucose with the dialysis fluid and providing the

sensor with a large, constant concentration of oxygen in the fluid. The catalytic

reduction of hydrogen peroxide at low potential eliminates most electrochemical

interference [415].

The Roche Diabetes Care sensor is produced by printing electrode areas on a

polyimide-based flexible circuit board. Conductive traces are lithographically

defined, and the working electrode is distributed in multiple areas along the length

of the substrate. A single Ag/AgCl area serves as the reference electrode. A counter

electrode is located on the reverse side of the substrate. The working electrode

utilizes GOx and oxygen, with a manganese dioxide catalyst to reoxidize the

hydrogen peroxide to oxygen at the relatively low potential of 350 mV vs. Ag/AgCl.

Polyurethane layers on top of the electrodes [266, 276] limit glucose diffusion;

additional coatings enhance biocompatibility. This first-generation sensor design

uses a glucose diffusion-limiting membrane as well as the distribution of working

electrode area to manage the oxygen deficit. The distributed working electrode area

also makes the sensor response more independent of heterogeneity in the tissue and

more representative of the overall glucose concentration in the subject (tissue

averaging). The manganese dioxide catalyst reduces the potential at which hydro-

gen peroxide is oxidized, reducing the effect of electrochemical interferences.

Additionally, the three-dimensional structure of the manganese dioxide very
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efficiently recycles the hydrogen peroxide to oxygen, making the sensor response

independent of oxygen concentration.

The Abbott FreeStyle® Navigator™ makes use of the Wired Enzyme™ tech-

nology to produce a second-/third-generation sensor. As a mediated sensor, the

Navigator does not face the oxygen-deficit problem, but rather the reverse, in which

excess oxygen can compete with the immobilized mediator and interfere with the

sensor signal. Conductive traces of carbon ink are deposited onto polyester sub-

strate foils which are laminated to form a multilayer assembly. An enzyme mediator

hydrogel is deposited on the working electrode. The hydrogel immobilizes the

enzyme via epoxy linkages [67] and provides tethered osmium mediators, which

transfer electrons from the reduced enzyme to the carbon electrode at a low

potential (0 to �100 mV vs. Ag/AgCl). The low potential eliminates most electro-

chemical interferences, and the lack of reliance on hydrogen peroxide eliminates

interference from compounds that react with it. A glucose flux limiting layer and a

biocompatible layer cover the working electrode, Ag/AgCl reference electrode, and

the carbon counter electrode [59, 60]. The glucose flux limiting layer was described

[326] to consist of a poly-(vinylpyridine)–poly(ethylene glycol) copolymer cross-

linked using a trifunctional short-chain epoxide. Elegantly, the hydrophilic mem-

brane is described to be the interface to the surrounding tissue. More recent patent

literature [416] describes variation of this original layout, adding polystyrene as

copolymer to the polymer chain, as well as introducing charge into the side chain by

derivatization of pyridine with alkylsulfonates. Advantageously, it is reported that

hydration time was decreased due to these polymer compositions, allowing for

faster sensor run-in. Additional embodiments of advantageous polymer chains have

been described more recently [417]. Cross-linkable polyethylene oxide tetra-

acrylate has been described as advantageous biocompatible coating covering the

sensor in part or in its entity [418].

4.2.3 Sensor Manufacturing

Increasingly, patients who use CGM systems tend to differentiate between CGM

systems based on system features which are not directly connected with measure-

ment of glucose per se. Fundamental system performance such as accuracy, preci-

sion, and reliability may be receiving different levels of attention depending on the

specific user requirements. Pain-free and facile sensor applicators, small and easy-

to-wear patches, easy-to-manage receiving units which allow for facile display, and

transfer of relevant data and information have become differentiating. This obser-

vation translates into a twofold challenge for device manufacturers. For one, the

required convenience of system use must be made available at low cost. These

requirements ask for intelligent design solutions not only to optimize ease of use but

also to minimize manufacturing cost. Manufacturing tolerances, biocompatibility

requirements for disposable system components leading to selected materials,

suitable manufacturing methods, and manufacturing environment must be recon-

ciled with cost limits to allow for high-volume manufacturing at attractive cost. The
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second challenge lies in meeting very high-performance requirements with every

single miniaturized sensor, i.e., a sensor, which is typically less than 1 mm in width

and just centimeters in length, and which needs to be assembled and sterilized prior

to packaging. Briefly, methods shall be highlighted and utilized for manufacturing

of flexible sensors, containing (enzyme) microelectrodes, conductive traces leading

toward it, insulating, diffusional barrier, and biocompatible layers.

Originally, two different platforms have been used to manufacture minimally

invasive, miniaturized glucose sensors. The wire-based approach features an

assembly of several conducting wires, which are intertwined or connected via

concentric insulation layers [387]. The planar strip approach was originally adapted

from BGM test strips by using flexible circuit boards [419, 420] or flexible

thermoplastic foil material. Both approaches offer substrates which can be suffi-

ciently flexible and tear-resistant to allow for comfortable and safe wear over

extended time of use. Wires are typically made from platinum or alternative

noble metals; strip conductors are typically fabricated from noble metals, carbon-

based inks or pastes, or combinations thereof and must withstand significant

mechanical stress over time of wear. Strip conductors are defined by PCB

manufacturing methods, i.e., photolithography and etching processes. Alterna-

tively, masked metal deposition, laser ablation of previously deposited noble

metal layers, and several printing methods have been used to define strip conduc-

tors, which may be less than 100 μm wide in certain cases. The electrode area has

often been defined by a recess of an insulating layer, which is deposited onto the

wire or the planar strip. A wide range of insulating layers has been used, as

summarized recently [325, 421]; insulating layer recess is typically defined by

photolithography and subsequent etching or alternatively by laser-ablation pro-

cesses. Since sensor sensitivity is directly proportional to electrode area, variability

of recess area may have a profound effect onto sensor performance.

Working electrodes, which are deposited on top of wires or strip conductors,

frequently consist of carbon- or metal-based polymer dispersions. High resolution

of very small working electrodes, typically 50–500 μm in characteristic dimension,

asks for uniform dispersion of micro- or even nanoparticles within a suitable

matrix. Viscosity of employed dispersions varies widely and depends on the

employed deposition method. Low viscosity dispersions are used for electroplating,

ink jetting, and coating, e.g., dip coating. Dispersions of higher viscosity are

typically used for screen printing or blade coating. Reproducibility of transfer,

wettability of the surface to be coated or plated, and reproducible alignment of

the working electrode matrix and the underlying conducting feature are necessary

to achieve good reproducibility. Continuous deposition of dispersions over

extended production time asks for high constancy of composition, i.e., minimiza-

tion of evaporation, agglomeration, and sedimentation over time. Counter elec-

trodes, employed in three-electrode layouts, have been realized in the same fashion

or may simply consist of an extended area of exposed wire or strip conductor.

Reference electrodes typically consist of Ag/AgCl which is embedded in a polymer

matrix and which is deposited by any of the above-described methods.
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High-throughput manufacturing of sensors relies on bulk processing of wire

coils, sheet, or roll material. Separation methods to release single sensors are

frequently employed prior to the final coating steps. Mechanical methods are very

well suited for cuts with modest requirements of edge definition on a microscopic

scale, allowing for very high output. Laser-cutting techniques in combination with

automated alignment allows for high positional precision and fine control of edge

radius. The correct choice of wavelength and pulse width is essential to cut the

respective material with small cut widths, minimum heat input, and desired edge

profile. Disadvantageously, laser cutting may introduce the need of an additional

cleaning step to remove ablation residues, which further decreases output compared

to mechanical cutting tools. Water jet cutting may offer an alternative for sensors

which withstand the processing conditions.

Diffusional barrier coatings which need to be deposited onto the working

electrode and biocompatible coatings which may need to be coated onto the sensor

shaft (see sections “Diffusional Barrier Membrane” and “Biocompatible Coating”)

are frequently deposited from polymer solution. A multitude of coating techniques

[422] has been reported, and commercially used sensors are mostly coated by

screen printing, blade coating, electropolymerization, or dip or spray coating.

Importantly, uniformity of the deposited polymer film and marginal variation of

film thickness have to be achieved routinely to assure high reproducibility of sensor

readout [407]. Consequently, success in manufacturing highly reproducible films

across one sensor lot directly translates into high reproducibility of sensor response

time and sensor sensitivity, which is a sine qua non for allowing the use of

precalibrated sensors, as promoted more recently [317].

Prior to assembly of the coated sensor, typically after each printing and/or

coating step, a suitable drying method needs to ensure reproducible and complete

removal of solvents. When using large-scale drying ovens, the drying process is

typically not the throughput-limiting step, even if drying time may well exceed a

quarter of an hour. Nevertheless, in the interest of increasing output, the number of

required printing and coating steps needs to be minimized. Assembling steps

depend of course on the respective design. Assembly may already start prior to

execution of printing and coating steps in order to facilitate sensor handling.

A controlled environment is typically provided for all manufacturing steps

including the final assembly of inserter, cannula, and sensor, if executed by the

manufacturer and not by the user. Finally, primary packaging is typically designed

to provide a hermetically sealed environment during storage. Radiation sterilization

with sufficient dose is used for all commercial CGM systems, since it is compatible

with employed sensor chemistry and does not lead to significant change of material

properties.

Currently several millions of disposable CGM system units are utilized every

year. In the future, this number is expected to grow every year at very significant

growth rates due to more widespread adoption of these novel systems. As a

consequence, manufacturing methods will be further developed with the aim to

meet ever more stringent performance requirements while allowing for significant

scale-up of production volume. Simplicity of system design and increased degree of
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automation of robust manufacturing methods will be the key to successful rollout of

CGM systems on a large scale.

4.2.4 Data

Data Processing

In an amperometric sensor, the potentiostat circuitry maintaining the desired

working electrode potential generates a voltage which is proportional to the current

passing through the working electrode, and this must be measured, preprocessed,

and transferred to the measurement system, where the current values are converted

to glucose and rate of change estimates. Because the rate of change of glucose in the

body is relatively slow, displayed value does not require very frequent updating.

Measuring frequently allows the collection of an excess of data values which may

be processed statistically to provide the best estimate of the current over a time

interval. However, the process of measuring with digital controllers, data storage,

and preprocessing is energy intensive, as is the transmission of an updated value to

the external monitoring system, so a compromise is struck between measurement

and update frequency and energy use.

The actual processes used for the collection and preprocessing the data in the

commercially available systems are proprietary. Standard signal processing

methods and information gleaned from publications and patent literature about

the commercial systems have been described by Bequette [423] and Rebrin

et al. [424]. These include median filters, finite (FIR), and infinite (IIR) impulse

response filters, Kalman filters, Wiener filters, Fourier filters, and hybrid

approaches such as signal clipping limits and maximum/minimum rejection value

combined with averaging. The major trade-off in the data filtering step is between

the amount of smoothing of the signal and the delay which is introduced by the

filter.

The conversion of a filtered current value into a useful glucose value requires a

calibration process. There are several significant issues for subcutaneous glucose

sensors that make this calibration process complex. The first is the relationship of

the subcutaneous glucose concentration, which is measured by the sensor, and the

blood glucose concentration, which is useful to the user and capable of being

measured by the user with a BGM system. There has been substantial controversy

regarding the steady-state difference between blood glucose and subcutaneous

glucose. Estimates of subcutaneous values from ca. 40% of blood values to 100%

of blood values have been determined, depending on the method and the site of

measurement [308, 425–429]. Comparison of sensor sensitivities in vitro with

in vivo further complicates the task, as there are many potential influences on

sensor sensitivity in vivo [430]. The standard response has been to calibrate a

subcutaneous sensor with blood glucose measurements, on the assumption that, if

the values are different, they are at least proportional.

Electrochemical Glucose Biosensors for Diabetes Care 63



Another complication is the lag time between blood glucose and interstitial

glucose. This has been diligently researched and found to vary significantly with

measurement method, sensor site, and whether blood glucose is rising or falling

[308, 309, 431]. Calibration schemes which incorporate an assumed delay have

been proposed, and it is universally recommended that sensors be calibrated when

the blood glucose value is relatively stable. Commercial systems will typically

reject or underweight a calibration which is made when the sensor signal is

changing rapidly. Much work has gone into creating models of glucose kinetics

and dynamics to improve sensor calibrations [432–436].

The next complication comes from the zero of the calibration function. Consid-

erable work has been done comparing one-point and two-point calibrations. A

two-point calibration requires that reference values be taken at two substantially

different concentrations, in order to accurately determine the slope and especially

the intercept. This requires complex protocols to manipulate blood glucose levels

within safe ranges and is not realized in current products. A one-point calibration

with a constant zero level has been determined to improve performance, especially

in the hypoglycemic range [437, 438]. An alternative to a population zero value is

the use of a blank electrode, which measures a user- and site-specific background

current which is subtracted from the active electrode current prior to the application

of a sensitivity factor [439]. The reduction of the measurement potential through the

use of appropriate mediators is also effective for reducing and stabilizing the

background current [60, 440].

Since the sensitivity of the sensors typically changes with time, a strategy of

multiple calibrations is required. Initially on insertion, the sensor is in a very

dynamic state as the membrane polymers and enzymes absorb water and become

hydrated. The insertion site is also in a very dynamic state, as capillaries and small

vessels bleed into the insertion site and fluid from disrupted cells collects. A

stabilization time is needed until the first calibration can be performed, typically

from two to twelve hours. Recalibration is required when the sensor sensitivity

changes over the lifetime of the sensor. This may be performed one or several times

per day, with the calibrations being statistically combined to generate a new

prospective calibration for future measurements. Like the raw data filtering

methods, the exact calibration methods used in the commercially available sensors

are proprietary, but literature, patent publications, and the operating instructions

allow some insight into the methods [423, 441]. The calibration procedure is

understood to contribute significantly to the sensor performance, and the manufac-

turers are making consistent improvements, adapting to the individual characteris-

tics of their sensors [384, 442–445]. To be useful for alerts and alarms, the CGM

calibration must use available data and reference values to predict glucose values in

the future (prospective calibration). Professional CGM systems can use all of the

calibration data retrospectively to optimize the data accuracy [446, 447]. BGM

sensors cannot be individually calibrated before use and have long been calibrated

at the point of manufacture. More recently, lot-specific calibrations have been

replaced with product-specific calibrations or “no-code” products. The product-

specific calibration is achieved through control of the materials and processes for
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sensor production and sometimes through user-transparent modification of a sensor

to allow the measuring device to determine which of several preprogrammed

calibration functions should be used with the sensor (“non-evident coding”). A

large number of researchers are working to improve the filtering and calibration of

the data presented by commercial systems, but the “raw data” with which they work

are typically the output data of the system, which have already been preprocessed

by the first-stage data filtering and glucose calibration that is carried out in the

commercial device. The AP@HOME Consortium has developed the “smart CGM

sensor” concept, in which the data stream is processed through a de-noising module

(filter), an enhancement module (calibration), and a prediction module, which

allows hypoglycemia and hyperglycemia alerts and warning to be given further in

advance of the occurrence of the event [435, 448–451]. It has recently been

suggested by Hoss et al. that the same process can be adopted for subcutaneous

sensors [317]. A recently introduced product, the Abbott Freestyle® Libre™ [452],

uses an approach, which does not require BGM measurements for calibration. A

recent evaluation of the product [453] suggests similar performance to systems

using capillary blood calibration [454].

Data Transfer

A key component of a CGM system is the data transfer link between the body-

mounted transmitter and the local receiver. The transmitter polarizes the sensor,

measures current, preprocesses the current values, and makes any additional aux-

iliary measurements. It then transmits, at regular intervals of 1–5 min, the processed

data to the local receiver. The local receiver obtains the calibrated data computed

from available reference values, the current glucose value, and the direction and

rate of change, and displays that information on the local display. The local receiver

is responsible for generating any alerts and alarms related to glucose levels. The

communication is typically a one-way broadcast, with no acknowledgement from

the receiver. This minimizes the energy required by the transmitter, which is thus

kept as small and light as possible, but allows data to be lost when the receiver is out

of range for an extended time.

The local communication systems in current products have been implemented

with proprietary technology. These systems fall under FCC Part 15 in the United

States as “unlicensed transmitters” and must not interfere with licensed transmitters

and must accept interference from licensed transmitters. They are all approved for

use on commercial airlines, though they must be deactivated at the request of airline

personnel. Magnetic or X-ray screening may be harmful, and users should request

alternative security strategies.

The Medtronic MiniLink® Real-Time Transmitter utilizes 916.5 MHz (NA) or

868.35 MHz (WW). It transmits data every 5 min and has a range of ca. 6 feet

(1.8 m). It is powered by a rechargeable battery and has a lifetime of around 14 days

between charges. It is paired with the insulin pump prior to use, and the pump then

only receives data from the paired transmitter. Interference from other 900 MHz
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consumer electronic devices (cordless phones, some cellular phones) may occur

when the devices are operating in the vicinity of the sensor, but safety checks on the

data ensure that no incorrect data is received [455]. The DexCom G4® Platinum

[456] transmitter operates at 2.4 GHz and, with a maximum output power of

1.25 mW, has a range of up to 20 feet. The transmitter is likewise paired with the

receiver prior to use, to allow the receiver to accept data only from the paired

transmitter. The transmitter is powered by non-replaceable batteries and at the end

of battery life must be replaced. The receiver is a stand-alone device with a display

for the CGM data, and buttons for setup information, entering calibration values,

and responding to alerts and alarms. The G5 Mobile Transmitter uses Bluetooth®

technology, which enables compatible mobile devices (currently iOS devices with

the G5 Mobile app) to receive data and display trends and warnings. The Freestyle®

Navigator™ II [457] transmitter operates at 433.6 MHz with a maximum power of

100 μW. Range is claimed to be up to 3 m (10 feet) through RF-transparent

materials and up to 30 m (100 feet) in the absence of RF reflectors. The transmitter

is powered by a non-replaceable battery and at the end of battery life must be

replaced. The receiver has a display for the CGM data, buttons and a scroll wheel

for input and navigation, and a built-in BGM meter for calibration and blood

glucose measurements when required. The Abbott FreeStyle® Libre® uses a differ-

ent model of local data communication, on demand transfer through near-field

communication technology (ISO 15693, 13.56 MHz). This is similar to the tech-

nology of radio frequency identification (RFID) which is also becoming prevalent

in personal devices like smartphones. The reader is brought into the vicinity of the

sensor transmitter (ca. 1–3 cm) and current data, and data collected up to the last 8 h

are sent to the receiver. The data are processed, displayed, and saved on the reader,

which also contains a BGM device. The RFID technology requires no power from

the transmitter, thus enabling an even smaller size and weight, but the inability of

the transmitter to initiate a data transfer makes real-time alarms impossible [458].

Online data may be repeated to local or remote monitoring systems through an

auxiliary device to enable monitoring of CGM users. The Medtronic mySentry®

consists of a mySentry® outpost (receiver/transmitter) component that received

data from an associated Paradigm® REAL-time Revel® insulin pump and

retransmits to a mySentry® monitor unit, which displays the pump status and

CGM data. The monitor may be within 50–100 feet of the outpost [459]. The

DexCom Share™ extends the range of data sharing by transferring data from the

handheld receiver to an associated Internet-connected device, such as a smartphone

or tablet, which forward the data to remote servers (“the cloud”). Glucose levels and

trends may then be viewed by up to 5 remote Internet-connected devices. It is

notable that this type of data sharing is not described as remote monitoring but data

sharing, probably due to the lack of assurance of real-time transmission [2]. This is

the commercial embodiment of an open-source remote monitoring effort begun by

parents of children with diabetes, known as NIGHTSCOUT [460]. The Medtronic

MiniMed® Connect has recently been announced and also provides Internet-

enabled remote monitoring capabilities through Internet-connected personal elec-

tronics. This system requires an additional component that receives status
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information and data from the MiniMed 530G or Revel insulin pump and relays to

the Internet device via Bluetooth® [461]. The connection of local glucose data

capture devices to the Internet mirrors the development of Internet-based data

collection, display, and analysis sites for BGM. BG meters with local connections

to personal Internet devices send data to Web “portals,” which provide the user and

his or her healthcare provider tools for using the data to improve the therapy.

Data Display

Data from CGM systems is displayed “online,” the data that the user can access

directly from the data display unit of the system and focusing on the current value,

and, retrospectively, the complete data set from the entire time of wearing the CGM

sensor. The online display of CGM data consists of the estimate of the current blood

glucose level and usually some indication of the direction and magnitude of the rate

of change of the blood glucose over the last minutes, the “trend.” The trend

information can be displayed as an arrow pointing up, down, or level to indicate

the direction of the trend and at different angles to indicate the magnitude of the

trend. Alternatively the trend can be inferred from a small graphic display of the

most recent glucose values. Alarms or alerts from comparing the current glucose

value to preset reference ranges are displayed as text, frequently accompanied by an

auditory alarm. Status information related to sensor calibration or sensor use time is

displayed through icons. Retrospective evaluation of CGM data is usually accom-

plished by transferring the data to a PC. Post-processing according to rules-based

algorithms and transformation to daily or event-based summaries allow the evalu-

ation of glycemic status and some standardized treatment decisions. Each manu-

facturer of CGM systems provides software for download and generation of reports.

The analysis methods and reports are not consistent and have proven to be a barrier

to the professional use of CGM. A graphic of estimated glucose vs. time is the

simplest report, with ranges provided for hyper and hypoglycemia. The addition of

additional information, such as BGM values, meals, exercise, and insulin, allows a

much deeper analysis and understanding of the glucose values. The “modal day” is

simply an overlay of all of the estimated glucose values on a single 24-h scale. This

allows the assessment of time-based variation in glucose levels, such as identifica-

tion of overnight hypoglycemia or frequent morning hyperglycemia [235, 237,

462–464]. Various metrics for summarizing the data have been proposed, including

simple mean, means within time blocks, area under the curve (“glucose exposure”),

and various risk-based calculated values. These are similar to metrics developed for

BGM data. The Ambulatory Glucose Profile [465], initially developed to summa-

rize BGM data sets, has since been extended to CGM data and is being suggested as

a way to standardize the reporting of retrospective CGM data [272].
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4.3 Performance of CGM Systems

CGM systems offer one fundamental advantage over established BGM systems: a

glycemic profile based on a previously inconceivably vast number of regularly

acquired glucose data points. Clearly this wealth of information, which may be

based up to one glucose measurement per second, i.e., 86,400 glucose measure-

ments per day, suggests deep insight into glucose patterns. Also, additional infor-

mation, such as trend information, and additional device features, such as alarms

when exceeding an adjustable threshold glucose concentration or glucose concen-

tration change per time, have become possible and do promise to significantly

increase patient safety. Most importantly, the time resolution of glucose measure-

ment is clearly set to be used for improvement of insulin therapy.

Yet advances for the diabetic patient based on CGM systems depend strongly on

the analytical quality of the glucose measurement per se. Therapy adjustments,

based on retrospectively analyzed glucose patterns, require reliable detection of

glycemic extrema; demands on the accuracy of a real-time signal however go far

beyond that. Incorrect trend information will reduce, not enhance, patient safety.

Incorrect alarm settings, in particular incorrect so-called hypo warnings, will not

aid to increase the patient’s confidence in technological advance. Incorrect insulin

dose recommendations may have fatal, surely negative consequences. In conclu-

sion, sensor performance issues affecting system accuracy, precision, and reliability

have been named as main obstacles for widespread complement or even replace-

ment of spot glucose measurements [466, 467]. Demands on accuracy, precision,

and reliability required for approval of BGM systems are clearly described by the

relevant ISO norm [17] (see Sect. 3.2). ISO 15197:2013 provides regarding accu-

racy that 95% of meter results shall fall within �15 mg/dL from a laboratory

reference value at a glucose concentration below 100 mg/dL and at maximum by

� 15% at a glucose concentration of 100 mg/dL or higher. Ninety nine percent

(99%) of individual glucose results shall fall within zones A and B of the Consensus

Error Grid (CEG). The system accuracy evaluation must include data from three

different reagent system lots (three test strip lots), each with 100 fresh capillary

blood samples.

For several reasons, requirement definition of accuracy, precision, and reliability

for continuous glucose measurement systems is more complicated. Firstly, there are

fundamental differences in CGM and BGM systems. In contrast to the feasibility of

measuring one blood sample at a constant concentration of glucose and selected

interfering species with several test strips, as well as with several different mea-

surement systems, the compartment sampled by any CGM system, ISF, is not easily

accessible and changes its glucose and interferent concentration over time. A CGM

sensor, inserted immediately after removal from its packaging, may not be

extracted from the patient to be characterized in vitro prior to reinsertion. It is

also impossible to insert several CGM sensors into the exact same environment due

to the heterogeneity of the sample compartment. It is thus not feasible to assess

accuracy and precision in the same manner as with BGM systems. Secondly, there
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is the reliance of CGM system assessment on BGM reference measurements. The

accuracy, precision, and timing of BGM reference measurements affect the assess-

ment of the CGM system and thus need to be defined. CGM systems measure

glucose concentration of ISF, not blood, which may differ significantly from each

other (see Sect. 4.2.1). Thirdly, there is the necessity to assess CGM system

performance via clinical studies involving individual subjects with glucose profiles

which differ largely from each other. The population of subjects involved in clinical

testing thus significantly affects the assessment.

4.3.1 Performance Assessment

Since BGM values are still regarded as the “gold standard,” accuracy of CGM

systems has frequently been assessed in comparison with blood glucose values. To

this avail, the mean absolute relative difference, MARD, as utilized when intro-

ducing the first needle-type glucose system [468], has been used very frequently.

The clear advantage of this assessment is simplicity. However, it has rightly been

pointed out that the evaluation of CGM systems by means of infrequent BG

measurements hardly reflects the nature of CGM due to the limited number of

paired data points and the inherent physiological difference between the two

compartments in which glucose is measured [265, 267]. This simple, MARD-

based assessment may also lead to misleading results if case study conditions and

details of data evaluation are not taken into account. For example, in case of rapid

changes in glycemia, MARD may be quite high. MARD should thus be computed

separately for different glucose ranges and for different rate-of-changes to over-

come this limitation. Also, the calculation of PARD (paired absolute relative

difference) as a means of assessing the deviation of the response of two sensors

of identical batch, worn in parallel at identical insertion sites, helps in assessing the

precision of any CGM system but also supports the MARD accuracy assessment by

distinguishing between physiological time lag and unreproducible readout by only

one sensor. PARD has thus also been recommended as an indicator for the overall

performance of a CGM system [267].

The selection or omission of performance metrics may affect the overall assess-

ment of CGM systems. In order to derive suitable requirements, the need to

standardize experimental conditions for assessment of CGM system performance

[267, 469] has been emphasized. Recently, a FDA-recognized consensus guideline,

the POCT5-P document [469], has been released, which was developed by the

Clinical and Laboratory Standards Institute (CLSI) together with the Diabetes

Technology Society. POCT5-P defines requirements and recommendations for

methods determining analytical and clinical metrics of CGM systems, which

provide the patient with real-time glucose concentration, trend information, direc-

tion (stable, increasing, or decreasing), and rate of change (<1 mg/dL/min, 1 to

2 mg/dL/min, >2 mg/dL/min). Importantly, guidance is given how to present data,

how to compare continuous interstitial glucose monitors, and how to compare

interstitial glucose monitors with spot blood testing systems.
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The FDA has released guidance [470] to provide recommendations to companies

which are developing artificial pancreas device systems (APDS), differentiating

between three different APDS types: a so-called threshold suspend device system,

which may reduce the likelihood or severity of a hypoglycemic event by suspending

or reducing insulin delivery temporarily when the sensor value reaches or

approaches (reactive or predictive, respectively) a predetermined lower threshold

of measured interstitial glucose, a control-to-range (CTR) system that reduces the

likelihood or severity of a hypoglycemic or hyperglycemic event by adjusting

insulin dosing only if a person’s glucose levels reach or approach predetermined

higher and lower thresholds, and a control-to-target (CTT) system that sets target

glucose levels and tries to maintain these levels at all times. Guidance as to the

performance assessment of the CGM component of the APDS refers to the POCT5-

P document and details – in addition to BGM performance characteristics –

required CGM performance characteristics which need to be established during a

pivotal clinical study:

• Accuracy of CGM results, as expressed by the point-to-point agreement between

blood glucose reference readings and paired CGM results

• Difference of CGM values from the paired blood glucose reference result (e.g.,

within 10, 20, 30, 40, or >40 mg/dL), expressed in various glucose concentra-

tion bins (e.g., <40, 41–50, 51–60, 61–70, 71–80, 81–120, 121–180, 180–250,

250–325, and 326–400 mg/dL)

• CGM signal bias at various glucose concentrations (according to the blood

glucose reference values) of 60, 80, 120, 180, 250, 325, and 400 mg/dL,

including 95% confidence intervals

• Point-to-point threshold alarm detection rates (detection rates and false alarm

rates), as well as detection rates of hypoglycemic and hyperglycemic event

within 15 and 30 min of the event

• Prediction alarm performance. Characterization of detection rates according to

whether the CGM detected the predicted hypoglycemic and hyperglycemic

glucose level within the horizon setting(s)

• Imprecision observed when sensors are inserted into the same anatomical site

and when sensors are inserted into different anatomical sites

• Analytical specificity, including:

– Cross-reactivity with molecular compounds similar to glucose

– Interference by endogenous and exogenous compounds/conditions

– Environmental interference from temperature or water exposure

– Interferences due to medical condition of the patient such as ketoacidosis and

fever
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4.3.2 Performance of Commercially Available CGM Systems

We shall refrain here from a complete literature review for more than one reason.

Clearly, a general trend of improved sensor accuracy as expressed in MARD values

and increased percentage of CGM data points in regions A and B of Error Grids,

sensor precision as expressed in PARD, and overall system reliability is evident

from relevant literature [183, 276, 453, 454, 471–475]. It appears thus most

meaningful to focus on the performance of the most recent CGM systems. Com-

parison based on MARD values only [268] is hardly meaningful given the differ-

ences in study protocols as described in Sect. 3.1.3. In spite of the existing Clinical

and Laboratory Standards Institute (CLSI) guideline for evaluation of CGM sys-

tems [469], the comparison of different CGM systems has remained difficult. Head-

to-head sensor comparisons, which are obviously preferable to compare system

performance, have remained fairly rare. Finally, it remains difficult to attribute a

reported performance improvement to one sole measure, such as sensor layout

change, coating change, or algorithm optimization [476]. Consequently, based on

published literature, it is thus rarely possible to deduce fundamental advantages

associated with one or the other approach. Instead, we choose to describe general

system performance of four CGM systems which have either been introduced into

the market place or are going to be introduced. Performance of current systems has

been ranked as ranging from acceptable to good [467], clearly pointing to potential

for improvement.

A recent head-to-head performance study [265] investigated CGM-to-BG dif-

ferences [(MARD) and sensor-to-sensor differences (PARD)] of 12 subjects with

type 1 diabetes, where each subject wore two Abbott FreeStyle® Navigator™, two

MiniMed Guardian™ REAL-Time +Enlite™ sensor systems, and two DexCom™
Seven® Plus 3rd-generation (Seven® Plus) sensors. Each sensor was used for the

lifetime specified by the manufacturer (5 days, 6 days, and 7 days, respectively). To

follow POCT05-A recommendations, glucose excursions were induced on two

separate occasions, during which venous and capillary blood glucose

(BG) concentrations were obtained every 15 min for five consecutive hours.

Capillary BG concentrations were measured at least once per hour during the day

and once at night. An overview of performance metrics is given in Table 5. As

evident from Table 5, performance in the hypoglycemic range was significantly

worse than the overall performance. Overall accuracy did not deteriorate over time

of use, as indicated by no increase in MARD over time (see Fig. 5).

A head-to-head comparison [477] of the FreeStyle® Navigator™ (Abbott Dia-

betes Care), the Seven® Plus™ (DexCom), and the Guardian™ (Medtronic), worn

twice simultaneously by 6 Type 1 subjects over 51 h (BGM measurement every

15 min; for 48 h) and until the end of sensor lifetime, confirmed differences in

performance characteristics including accuracy, precision, and reliability. The

Navigator™ system showed an aggregate mean absolute relative difference

(MARD) of all paired points of 11.8 � 11.1%, an average MARD across all

12 experiments of 11.8� 3.8%. The Seven® Plus and Guardian™ produced
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aggregate MARDs of all paired points of 16.5� 17.8% and 20.3� 18.0%, respec-

tively, and average MARDs across all 12 experiments of 16.5� 6.7% and

20.2� 6.8%, respectively. Data reporting percentages, a measure of reliability,

were 76% for the Seven® Plus and nearly 100% for the Navigator 100% for the

Guardian™. Luijf et al. [478] conducted a home study with three CGM systems, the

Abbott Diabetes Care FreeStyle®Navigator™ I, the Medtronic Paradigm™ System

with Enlite™ Sensor, and the DexCom G4™ version A sensor (G4A), the

succeeding system to the Seven® Plus. Twenty patients with type 1 diabetes

Table 5 Performance of overview head-to-head performance study

MARD

(%)

overall

MARD (%)

hypoglycemic

range

MARD during

induced glucose

excursion (%) PARD (%)

2� Freestyle Navigator™
(Navigator)

12.1 24.6 14.3 9.6/9.8

2� MiniMed Guardian™
REAL-Time +Enlite™
sensor

16.2 34.9 19.2 16.7/25.5

2� DexCom™ Seven®

Plus 3rd generation

(Seven® Plus)]

16.3 32.7 15.8 18.1/20.2

FreeStyle Navigator™ (Navigator), MiniMed Guardian™ REAL-Time +Enlite™ sensor,

DexCom™ Seven® Plus 3rd generation (Seven® Plus)]

Data extracted from [265]

Fig. 5 MeanMARD (%) of

three CGM systems in

dependence of time of CGM

use. Date extracted from

[265]
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mellitus were wearing each system over 4 h, prior to removing one of three systems,

selected in a random fashion. Subsequently, two systems were worn until the user

lifetime was defined by the manufacturer, thereafter explanted and reinserted to test

for long-term performance. BGM measurements were taken every 15 min imme-

diately prior to home use in the clinical phase and less frequently during the home

phase. A postprandial glucose peak and nadir were induced intentionally. Prior to

phase, overall MARD was measured to be 16.5%� 14.3% for Navigator™ and

16.4%� 15.6% for Enlite™, outperforming G4A at 20.5%� 18.2%. During the

home study phase, overall MARD was 14.5%� 16.7% for Navigator™,

16.5� 18.8% for DexCom G4A™, and 18.9%� 23.6% for Enlite™. Median

time until the end of sensor function was found to amount to 10.0� 1.0 days for

DexCom G4A™, 8.0� 3.5 days for Navigator™, and 8.0� 1.5 days for Medtronic

MiniMed Enlite™. Overall MARD tends to vary insignificantly for FreeStyle®

Navigator™ and DexCom G4A™, while increasing for Enlite™ over time of use.

Luijf et al. [478] elucidate the reliability of CGM systems over extended – off-label

– use, clarifying that extended use leads to significant reduction of system reliabil-

ity. Zschornak et al. [266] published data from 30 Type 1 subjects, wearing two

identical sensor of a Roche sensor, which is currently in product development, over

a time span of 7 days. Glucose excursions were induced on two subsequent study

days, 16 capillary blood samples were analyzed every 24 h, whereas one sample

was taken and analyzed at night. MARD between CGM readings and paired

capillary blood glucose readings and e (PARD), i.e., differences between paired

CGM readings, were calculated. An aggregated MARD of 9.2% overall (10.9%

during the excursion), an overall aggregated PARD of 7.5% (7.8% during the

excursion) were calculated. In the low glycemic range, mean MARD and PARD

values of 12.3% and 12.4% were calculated, respectively. Importantly, compared

with currently already available CGM systems [265, 290, 475, 477–480], the sensor

performance in the hypoglycemic range was remarkably better.

Summarizing, meaningful comparison of CGM systems requires clinical head-

to-head comparison. Introduced CGM data as summarized above and as presented

very recently [453] for a factory calibrated system show significant improvement in

comparison to older studies [468, 472]. Accuracy of CGM systems, in particular in

the hypoglycemic range a frequently discussed problem, which limits applicability

of CGM systems [481, 482], remains suboptimal for some systems. Constancy of

sensor readout over time of use and after different times of storage remains an area

of improvement. Efforts to address the root causes of accuracy and reliability issues

are well on their way and will – in the opinion of the authors – lead to significant

CGM system performance improvement in the near future. The authors neverthe-

less expect that very high accuracy will still require CGM calibration in the near

future.
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4.4 CGM System Outlook

CGM systems will be adopted in the future by a larger population of diabetic

patients if the advantages outweigh the hassle of using a system which needs to

be worn all day. Obviously this asks for increased performance of CGM systems

and for largely improved ease of use. Ease-of-use improvements will focus on

reduction or even elimination of calibration steps needed, minimization of handling

steps, ease of ware, multiple connectivity solutions to allow for communication

with well-established receiving devices, and very importantly a self-explanatory

user interface which offers ease of control and the depth of information which is

required for the particular user. Advantages of a CGM system are weighted

differently by different users as described in Sect. 4.1. Lodwig et al. [467] described

concisely possible steps toward an artificial pancreas, as defined by the FDA [470],

which appeal to patients on continuous subcutaneous insulin infusion (CSII) ther-

apy. Patients who are treated with multiple daily injections (MDI) have identified

clearly discernible benefits from CGM use.

Current commercially available CGM systems are significantly improved over

initial offerings, but still fall short of user requirements in important areas. Perfor-

mance, as measured by the accuracy of the estimated blood glucose value, espe-

cially in the critical low glucose range [276, 467, 483, 484], is insufficient to

exclusively rely on CGM data in all cases. This performance gap is partially due

to the physiology of the sample matrix, the subcutaneous tissue space. Especially in

circumstances of rapid increase or decrease in blood glucose, the subcutaneous

glucose value differs from the blood glucose due to a physiological lag time. The

diffusion-limiting membranes of the sensors and the filtering and other signal

processing also contribute a technological lag time to the reported glucose estimate

[276]. Systems which are calibrated via BGM products also introduce an additional

calibration error to the estimate. Systems with no user calibration must accept the

within-lot distribution of sensor sensitivities and the between-user and between-

sensor site distribution as additional error sources. Precondition to performance

improvement is a realistic view of the current CGM sensor performance. Although

CGM sensor performance has improved significantly over the last 15 years [467]

and time of use has been extended to up to 14 days, there remain significant

limitations. Sensor run-in tends to be too long, sensitivity over time of use is not

sufficiently constant, artifacts inducible by interferences remain possible, and

external influences by changes in pressure and temperature may lead to significant

error. Current manufacturing techniques are not optimally suited to produce sensors

with largely increased throughput with ever decreased variability of intra- and inter-

sensor response. Future transcutaneous CGM sensors, next-generation glucose

sensors (NGGS), as coined by Lodwig et al. [467], will need to offer improvements

in these aspects.

Inconstant reliability of results is a frequently neglected barrier to the uncritical

use of a single CGM estimate for acute treatment. If insulin dosing is to rely on the

readout of a CGM system, accuracy at any time of use in contrast to mean accuracy
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over total time of use, which is stated frequently, becomes crucially relevant. The

well-known “dropouts” or intervals of unusually low estimated glucose values have

been described as “tissue compression artifacts” and can sometimes be related to

physical pressure on the area of the sensor [485]. Sensors have also been described

as being “noisy” at the beginning or especially toward the end of their use period.

The physical intrusion of an attached device, especially with an implanted part,

remains a barrier to many potential users. Developments in electronic, energy, and

communication technology have enabled smaller and lighter external components,

and the sensors themselves have become smaller, reducing the intrusion. Reliable

attachment of the external component without significant skin irritation is a con-

stant and increasing problem as the duration of use increases.

The lack of general reimbursement and the subsequent out of pocket cost for the

user is a significant barrier for broad acceptance. Performance issues motivate

especially insulin-dependent users to carry and use a standard BGM system in

addition to the CGM. Unless the CGM significantly reduces the number of test

strips the user requires, total costs for glucose monitoring are not reduced and may

be significantly increased. Reimbursement of CGM systems will require demon-

stration of improvements in outcomes or reductions in costs due to acute events or

long-term complications.

Currently there is no convenient solution for CSII patients due to incompatibility

of CGM sensors and insulin infusion catheters regarding time of use and electrode

chemistry. Also, the fundamentally limited maximum time of use of transcutaneous

CGM sensors remains unclear. Clearly, long-term sensors, extending CGM to a

monitoring time of 1 month and longer, will ask for fully implantable solutions. Full

implants, however, open up a different set of requirements regarding power man-

agement, membranes, and coatings while significantly increasing the cost of clin-

ical trials.

From the authors’ perspective, successful improvement of the performance of

transcutaneous sensors will allow for therapy adjustments based on CGM sensor

signals and consequently for more widespread reimbursement of CGM cost. Devel-

opment of long-term sensors will continue in parallel to transcutaneous sensors.

The development of CGM systems will continue due to the appeal of an easy-to-use

CGM system with a highly accurate, highly precise, and highly reliable sensor. The

need for significant progress in sensor performance, diverse patient needs asking for

different system solutions, increasing cost pressure onto manufacturers, and

demanding regulatory environments ask for decisive and rapid progress in the

field of CGM system development.

5 Conclusion

Glucose monitoring is the most successful application of biosensor technology and

has motivated tremendous improvements in the biology, chemistry, measurement,

and fabrication methods of biosensors. The performance of electrochemical
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biosensors used for blood glucose measurement has improved greatly over the last

four decades. Technological advance has allowed to measure glucose over a wide

range of glucose concentration and a wide temperature and hematocrit range in the

presence of an abundance of interfering substances with ever-increasing accuracy

and precision. The sample volume and time needed to obtain a glucose concentra-

tion value have decreased dramatically [52, 72, 220, 221]. The use of optimized

enzymes, mediators, and electrochemical measurement methods enable this tre-

mendous progress in performance. Great advances of manufacturing techniques

have allowed for a massive scale-up of production which is needed to provide a

sufficient number of test strips on a global scale at ever decreasing price. Looking

ahead, the demands on blood glucose system performance are expected to grow

even as the pressures to lower the cost of systems increase. The drive for the future

is to continue to push the limits on system performance while lowering cost, all

while finding ways to provide the best medical value to persons with diabetes and

healthcare providers. Continuous glucose monitoring promises to provide even

greater flexibility and personalized diabetes management, especially for patients

who face difficulties to control disease due to extremely variable diet and exercise

patterns. CGM systems are significantly improved over initial offerings with regard

to convenience and performance. Great progress has been made to achieve effort-

less and painless insertion of an ever smaller sensor in order to overcome the

concerns of some patients to use a minimally invasive sensor. Progress in electron-

ics, power supply, and communication technology has enabled smaller and lighter

external components. Further convenience improvements will focus on miniaturi-

zation of system size, extension of time of use, reduction or even elimination of

calibration steps, minimization of handling steps, ease of ware and combination

with insulin catheters, and facile communication with a multitude of established

communication devices. Accuracy, precision, and reliability of CGM sensors,

which was originally quite poor compared to BGM systems, has been improved

greatly by introducing new materials and manufacturing methods, while keeping

the amperometric measurement principle. Currently available CGM systems how-

ever still fall short of user requirements in important areas. While accuracy of

subcutaneously implanted CGM sensors is fundamentally limited by the character-

istics of the fatty tissue surrounding the sensor, technical issues of commercially

available sensors remain to be solved which currently impede reliable hypo- and

hyperglycemic alarms, safe insulin dosing recommendations, or insulin pump

control at any time of use. Accuracy tends not be constant over time of use due to

sensitivity changes, particularly after sensor insertion and upon extended use.

Artifacts inducible by exogenous interfering substances are not negligible due to

insufficient specificity. Changes in pressure and temperature may still lead to

significant error in some designs. From the authors’ perspective, gradual improve-

ment of the currently used amperometric sensing platforms and data evaluation

algorithms will keep yielding gradually improved sensor performance. Further

advances of material development, manufacturing methods, and the use of

advanced measurement methods will allow for improvement of robustness

yet also of accuracy. Accuracy gains will translate into improved ease of use (less
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BGM calibrations needed) and introduction of artificial pancreas features into the

daily routine of Type 1 diabetes patients. Accuracy gains may also allow for therapy

adjustments based on CGM sensor signals and – if translated into patient relevant

outcomes – consequently for more widespread reimbursement of CGM in the

future.

CGM sensors which are fundamentally different from amperometric enzyme-

based biosensors will have to compete with comparably mature sensor layouts

which have been improved over several decades. Fully implanted long-term sensors

may generate the need for alternative glucose sensors. We anticipate that the

development of transcutaneous and fully implanted glucose sensors will continue

in parallel. The development of CGM systems will continue due to the appeal of an

easy-to-use CGM system with a highly accurate, highly precise, and highly reliable

sensor. The need for significant progress in sensor performance, diverse patient

needs asking for different system solutions, increasing cost pressure onto manufac-

turers, and demanding regulatory environments ask for decisive and rapid progress

in the field of CGM system development.

It is realistic to assume that Continuous Glucose Monitoring (CGM) systems

will be adopted in the future by a larger population of diabetic patients. Yet it is also

clear that blood glucose monitoring (BGM) systems will remain a major choice of

the great majority of persons with diabetes (PwDs) on a global scale who require

monitoring but not continuous active management of glucose and insulin levels.
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264. Dovč K, Bratina N, Battelino T (2015) A new horizon for glucose monitoring. Horm Res

Paed 83(3):149–156

265. Freckmann G, Pleus S, Link M, Zschornack E, Kl€otzer HM, Haug C (2013) Performance

evaluation of three continuous glucose monitoring systems comparison of six sensors per

subject in parallel. J Diabetes Sci Technol 7(4):842–853

266. Zschornack E, Schmid C, Pleus S, Link M, Kl€otzer HM, Obermaier K, Schoemaker M,

Strasser M, Frisch G, Schmelzeisen-Redeker G, Haug C, Freckmann G (2013) Evaluation of

the performance of a novel system for continuous glucose monitoring. J Diabetes Sci Technol

7(4):815–823

267. Obermaier K, Schmelzeisen-Redeker G, Schoemaker M, Kl€otzer HM, Kirchsteiger H,

Eikmeier H, del Re L (2013) Performance evaluations of continuous glucose monitoring

systems: precision absolute elative deviation is part of the assessment. J Diabetes Sci Technol

7(4):824–832

268. Kirchsteiger H, Freckmann G, Heinemann L, Lodwig V, Schmelzeisen-Redeker G,

Schoemaker M, del Re L (2015) Performance comparison of CGM systems: MARD values

are not always a reliable indicator of cgm system accuracy. J Diabetes Sci Technol 9

(5):1030–1040

269. Klonoff DC (2012) The need for clinical accuracy guidelines for blood glucose monitors. J

Diabetes Sci Technol 6(1):1–4

270. Kovatchev BP, Gonder-Frederick LA, Cox DJ, Clarke WL (2004) Evaluating the accuracy of

continuous glucose-monitoring sensors continuous glucose–error grid analysis illustrated by

TheraSense Freestyle Navigator data. Diabetes Care 27(8):1922–1928

271. Miele A, Weiland K, Dungan KM (2012) Clinical outcomes associated with referral-based

continuous glucose monitoring using a central standardized interpretation strategy. Diabetes

Technol Ther 14(9):765–771

272. Bergenstal RM, Ahmann AJ, Bailey T, Beck RW, Bissen J, Buckingham B, Deeb L, Dolin

RH, Garg SK, Goland R, Hirsch IB, Klonoff DC, Kruger DF, Matfin G, Mazze RS, Olson BA,

Parkin C, Peters A, Powers MA, Rodriguez H, Southerland P, Strock ES, Tamborlane W,

Wesley DM (2013) Recommendations for standardizing glucose reporting and analysis to

optimize clinical decision making in diabetes the ambulatory glucose profile (AGP). Diabetes

Technol Ther 15(3):198–211

273. Hilleman DE (2006) Cost considerations with tight glycemic control in the acute care setting.

Semin Thorac Cardiovasc Surg 18(4):359–365

274. Macrae D, Grieve R, Allen E, Sadique Z, Betts H, Morris K, Pappachan VJ, Parslow R,

Tasker RC, Baines P, Broadhead M, Duthie ML, Fortune PM, Inwald D, McMaster P, Peters

MJ, Schindler M, Guerriero C, Piercy D, Slavik Z, Snowdon C, Van Dyck L, Elbourne D

(2014) A clinical and economic evaluation of control of hyperglycaemia in paediatric

intensive care the CHiP randomised controlled trial. Health Technol Assess 18(26):1–210

275. Mang A, Pill J, Gretz N, Kränzlin B, Buck H, Schoemaker M, Petrich W (2005) Biocom-

patibility of an electrochemical sensor for continuous glucose monitoring in subcutaneous

tissue. Diabetes Diabetes Technol Ther 7(1):163–173

90 G. Ocvirk et al.



276. Schmelzeisen-Redeker G, Staib A, Strasser M, M€uller U, Schoemaker M (2013) Overview of

a novel sensor for continuous glucose monitoring. J Diabetes Sci Technol 7(4):808–814

277. Shintani H (1996) Formation and elution of toxic compounds from sterilized medical

products Toxic compound formation from irradiated products. Rad Phys Chem 47

(1):139–148

278. Brookman RS (1991) A new PVC based polymer for medical applications. J Vinyl Addit

Techn 13(4):191–194

279. Haar HP, List H, Meacham GBK (2006) Direct monitoring of interstitial fluid composition.

US 20060,122,536A1

280. Pfeiffer EF (1994) The “Ulm Zucker Uhr System” and its consequences. Horm Metab Res 26

(11):510–514

281. Trajanoski Z, Brunner GA, Schaupp L, Ellmerer M, Wach P, Pieber TR, Kotanko P, Skrabal

F (1997) Open-flow microperfusion of subcutaneous adipose tissue for on-line continuous

ex vivo measurement of glucose concentration. Diabetes Care 20(7):1114–1121

282. Schoemaker M, Schwaninger R, Wittmann U, Rinne H, Kontschieder H, Strohmeier W,

Andreis E, R€oper J, Kotulla R, Lodwig V, Obermaier K, Stephan P, Reuschling W,

Rutschmann M (2003) The SCGM1 system: subcutaneous continuous glucose monitoring

based on microdialysis technique. Diabetes Technol Ther 5(4):599–608

283. Ricci F, Moscone D, Palleschi G (2008) Ex vivo continuous glucose monitoring with

microdialysis technique: the example of GlucoDay. IEEE Sens J 8(1):63–70

284. Nielsen JK, Freckmann G, Kapitza C, Ocvirk G, Koelker KH, Kamecke U, Gillen R, Amann-

Zalan I, Jendrike N, Christiansen JS, Koschinsky T, Heinemann L (2009) Glucose monitoring

by microdialysis: performance in a multicenter study. Diabet Med 26(7):714–721

285. Ocvirk G, Hajnsek M, Gillen R, Guenther A, Hochmuth G, Kamecke U, Koelker K-H,

Kraemer U, Obermaier K, Reinheimer C, Jendrike N (2009) The clinical research tool: a

high-performance microdialysis-based system for reliably measuring interstitial fluid glucose

concentration. J Diabetes Sci Technol 3(3):468–477

286. Medtronic Enlite Serter User Guide

287. Rosdahl LL, Millgard J, Lithell H, Ungerstedt U, Henriksson J (1998) Effect of physiological

hyperinsulinemia on blood flow and interstitial glucose concentration in human skeletal

muscle and adipose tissue studied by microdialysis. Diabetes 47:1296–1301

288. Kuhn L (1998) Biosensors blockbuster or bomb? Electrochemical biosensors for diabetes

monitoring. Electrochem Soc Interface. 26–31

289. Bailey TS, Ahmann A, Brazg R, Christiansen M, Garg S, Watkins E, Welsh JB, Lee SW

(2014) Accuracy and acceptability of the 6-day enlite continuous subcutaneous glucose

sensor. Diabetes Technol Ther 16(5):277–283

290. Pleus S, Schmid C, Link M, Zschornack E, Kl€otzer HM, Haug C, Freckmann G (2013)

Performance evaluation of a continuous glucose monitoring system under conditions similar

to daily life. J Diabetes Sci Technol 7(4):833–841

291. Kulichikhin VG, Antonov SV, Zadymova NM (2009) In: Benedek I, Feldstein MF (eds) Skin

contact pressure-sensitive adhesives in applications of pressure-sensitive products. CRC,

Boca Raton

292. Cilurzo F, Gennari CG, Minghetti P (2012) Adhesive properties: a critical issue in transder-

mal patch development. Expert Opin 9(1):33–45

293. Kandavilli S, Nair V, Panchagnula R (2002) Polymers in transdermal drug delivery systems.

Pharm Technol 5:62–80

294. Roche diagnostics GmbH (2007) Accu-Chek® Compact Plus Gebrauchsanleitung. https://

www.accu-chek.de/download/info/downloadcenter/Accu-Chek-Compact-Plus-Gebrauchsan

weisung-komplett.pdf

295. Sachse D, Bolstad N, Jonsson M, Sæves I, Johansson CB, Delezuch W, Hagve M, Hardang

IM, Isaksson HS, Ivarsson A, Lehto L, Keikkala E, Mattsson N, Ranta JK, Stavelin A,

Sudmann AA, Varsi K (2012) The Accu-Chek Mobile blood glucose monitoring system

used under controlled conditions meets ISO 15197 standards in the hands of diabetes patients.

Scand J Clin Lab Invest 72(5):374–379

Electrochemical Glucose Biosensors for Diabetes Care 91

https://www.accu-chek.de/download/info/downloadcenter/Accu-Chek-Compact-Plus-Gebrauchsanweisung-komplett.pdf
https://www.accu-chek.de/download/info/downloadcenter/Accu-Chek-Compact-Plus-Gebrauchsanweisung-komplett.pdf
https://www.accu-chek.de/download/info/downloadcenter/Accu-Chek-Compact-Plus-Gebrauchsanweisung-komplett.pdf


296. Overland J, Abousleiman J, Chronopoulos A, Leader N, Molyneaux L, Gilfillan C (2014)

Improving self-monitoring of blood glucose among adults with type 1 diabetes: results of the

Mobile™ study. Diabetes Ther 5(2):557–565

297. Roche diagnostics (2011) Evaluation report: Accu-Chek® Aviva test strips with advanced

chemistry. https://www.accu-chek.ch/documents/Accu-Chek_Aviva_Evaluation_Report.pdf

298. Jensen JA, Goodson WH, Hopf HW, Hunt TK (1991) Cigarette smoking decreases tissue

oxygen. Arch Surg 126:1131–1134

299. Sheffield CW, Sessler DI, Hopf HW, Schroeder M, Moayeri A, Hunt TK, West JM (1997)

Centrally and locally mediated thermoregulatory responses alter subcutaneous oxygen ten-

sion. Wound Repair Regen 4:339–345

300. Carreau A, El Hafny-Rahbi B, Matejuk A, Grillon C, Kieda C (2011) Why is the partial

oxygen pressure of human tissues a crucial parameter? Small molecules and hypoxia. J Cell

Mol Med 15(6):1239–1253

301. Wisniewski N, Moussy F, Reichert WM (2000) Characterization of implantable biosensor

membrane biofouling. Fresenius J Anal Chem 366:611–621

302. L€onnroth P, Jansson A, Smith U (1987) A microdialysis method allowing characterization of

intercellular water space in humans. Am J Physiol 253:E228–E231

303. Jensen BM, Bjerring P, Christiansen JS, Orskov H (1995) Glucose content in human skin:

relationship with blood glucose levels. Scand J Clin Lab Invest. 55427–55432

304. Cengiz E, Tamborlane WV (2009) A tale of two compartments interstitial versus blood

glucose monitoring. Diabetes Technol Ther 11(Suppl 1):S11–S16

305. Jungheim K, Koschinsky T (2001) Risky delay of hypoglycemia detection by glucose

monitoring at the arm. Diabetes Care 24:1303–1306

306. Koschinsky T, Heinemann L (2001) Sensors for glucose monitoring technical and clinical

aspects. Diabetes Metab Res Rev 17:113–123

307. Steil GM, Rebrin K, Hariri F, Jinagonda S, Tadros S, Darwin C, Saad MF (2005) Interstitial

fluid glucose dynamics during insulin-induced hypoglycaemia. Diabetologia 481:833–1840

308. Rebrin K, Steil GM, van Antwerp W, Mastrototaro JJ (1999) Subcutaneous glucose predicts

plasma glucose independent of insulin implications for continuous monitoring. Am J Physiol

277:E561–E571

309. Ward WK, Engle JM, Branigan D, El Youssef J, Massoud RG, Castle JR (2012) The effect of

rising vs. falling glucose level on amperometric glucose sensor lag and accuracy in Type1

diabetes. Diabet Med 29(8):1067–1073

310. Braverman IM, Keh-Yen A (1981) Ultrastructure of the human dermal microcirculation. III.

The vessels in the mid- and lower dermis and subcutaneous fat. J Invest Dermatol 77:297–304

311. Schure NY, Elias M (1991) The biochemistry and function of stratum corneum lipids. Adv

Lipid Res 24:27–56

312. Anderson JM, McNally AK (2011) Biocompatibility of implants: lymphocyte/macrophage

interactions. Semin Immunopathol 33:221–233

313. Nichols S, Koh A, Storm WL, Shin JH, Schoenfisch MH (2013) Biocompatible materials for

continuous glucose monitoring devices. Chem Rev 113(4):2528–2549

314. Frost M, Meyerhoff ME (2006) In vivo chemical sensors, tackling biocompatibility. Anal

Chem 78(21):7370–7377

315. Sharkawy AA, Klitzman B, Truskey GA, Reichert WM (1997) Engineering the tissue which

encapsulates subcutaneous implants. I. Diffusion properties. J Biomed Mater Res A

(37):401–412

316. Helton KL, Ratner BD, Wisniewski NA (2011) Biomechanics of the sensor-tissue interface-

effects of motion, pressure, and design on sensor performance and the foreign body response-

part I: theoretical framework. J Diabetes Sci Technol 5:632–646

317. Hoss U, Budiman ES, Liu H, Christiansen M (2014) Feasibility of factory calibration for

subcutaneous glucose sensors in subjects with diabetes. J Diabetes Sci Technol 8(1):89–94

318. Bessmas S, Schultz RD (1973) Prototype glucose-oxygen sensor for the artificial pancreas.

Trans Am Soc Artif Intern Organs 19:361–364

92 G. Ocvirk et al.

https://www.accu-chek.ch/documents/Accu-Chek_Aviva_Evaluation_Report.pdf


319. Soeldner JS, Chang KW, Aisenberg S, Hiebert JM (1973) Progress towards an implantable

glucose sensor and an artificial beta cell. In: Temporal aspects of therapeutics—volume 2 of

the series ALZA conference series. Plenum Press, New York, pp 181–207

320. Kondo T, Ito K, Ohkura K, Ito K, Ikeda S (1982) A miniature glucose sensor, implantable in

the blood stream. Diabetes Care 5(3):218–221

321. Updike SJ, Shults M, Ekman B (1982) Implanting the glucose enzyme electrode problems,

progress, and alternative solutions. Diabetes Care 5(3):207–212

322. Gough DA, Leypoldt JK, Armour JC (1982) Progress toward a potentially implantable

enzyme based glucose sensor. Diabetes Care 5(3):190–198

323. Clark LC Jr, Duggan CA (1982) Implanted electroenzymic glucose sensors. Diabetes Care 5

(3):174–180

324. Wilkins E, Wilkins MG (1983) Implantable glucose sensor. J Biomed Eng 5(4):309–315

325. Pesantez DE (2014) Microarray electrodes useful with analyte sensors and methods for

making and using them. US 20140163346

326. Feldman B, Brazg R, Schwartz S, Weinstein R (2003) A continuous glucose sensor based on

Wired Enzyme™ technology – results from a 3-day trial in patients with type 1 diabetes.

Diabetes Technol Ther 5(5):769–779

327. Staib A, Mischler R, Hajnsek M, Buck H, Jernigan W (2013) Amperometric sensor and

method for its manufacturing. US8527024B2

328. Salimi A, Compton RG, Hallaj R (2004) Glucose biosensor prepared by glucose oxidase

encapsulated sol–gel and carbon-nanotube-modified basal plane pyrolytic graphite electrode.

Anal Biochem 333(1):49–56

329. Ocvirk G, Gaessler-Dietsche C (2012) Enzyme stabilization in electrochemical sensors. EP

2,251,432 B1

330. Linn JH (2006) Tissue distribution and pharmacodynamics: a complicated relationship. Curr

Drug Metab 7(1):39–65

331. Fischer U, Hidde A, von Woedtke H, Rebrin K, Abel P (1989) Oxygen tension at the

subcutaneous implantation site of glucose sensors. Biomed Biochim Acta 48:965–971

332. Abel P, Fischer U, Brunstein E, Ertle R (1988) The GOD-H2O2-electrode as an approach to

implantable glucose sensors. Horm Metab Res Suppl Ser 20:26–29

333. Clark LC, Noyes LK, Spokane RB, Sudan R, Miller ML (1988) Long-term implantation of

voltammetric oxidase/peroxide glucose sensors in the rat peritoneum. Methods Enzymol

137:68–89

334. Gough DA (1988) Issues related to in vitro operation of potentially implantable enzyme

electrode glucose sensors. Horm Metab Res Suppl Ser 20:30–33

335. Shaw GW, Claremont DJ, Pickup JC (1991) In vitro testing of a simply constructed, highly

stable glucose sensor suitable for implantation in diabetic patients. Biosens Bioelectron

6:401–406

336. Wilson GS, Zhang Y, Reach G, Moatti-Sirat D, Poitout V, Thevenot DR, Lemonnier F, Klein

JC (1992) Progress toward the development of an implantable sensor for glucose. Clin Chem

38:1613–1617

337. Bindra DS, Zhang Y, Wilson GS, Sternberg R, Thevenot DR, Moatti D, Reach G (1991)

Design and in vitro studies of a needle-type glucose sensor for subcutaneous monitoring.

Anal Chem 63:1692–1696

338. Shichiri M, Yamasaki Y, Nao K, Sekiya M, Ueda N (1988) In vivo characteristics of needle-

type glucose sensor-measurements of subcutaneous glucose concentrations in human volun-

teers. Horm Metab Res Suppl Ser 20:17–20

339. Moussy F, Harrison DJ, Rajotte RV (1994) A miniaturized nafion-based glucose sensor, In

vitro and in vivo evaluation in dogs. Int J Artif Organs 17:88–94

340. Zhang Y, Wilson GS (1993) In vitro and in vivo evaluation of oxygen effects on a glucose

oxidase based implantable glucose sensor. Anal Chim Acta 281:513–520

341. Yu B, Moussy Y, Moussy F (2005) Coil-type implantable glucose biosensor with excess

enzyme loading. Front Biosci 10:512–520

Electrochemical Glucose Biosensors for Diabetes Care 93



342. Yu B, Long N, Moussy Y, Moussy F (2006) A long-term flexible minimally-invasive

implantable glucose biosensor based on an epoxy-enhanced polyurethane membrane.

Biosens Bioelectron 21:2275–2282

343. Boock R, Rixman M (2011) Silicone based membranes for use in implantable glucose

sensors. US 8,543,184B2

344. Harrison DJ, Turner RF, Baltes H (1988) Characterization of perfluoro-sulfonic acid polymer

coated enzyme electrodes and a miniaturized integrated potentiostat for glucose analysis in

whole blood. Anal Chem 60(19):2002–2007

345. Moussy F, Harrison DJ, O’Brien DW, Rajotte RV (1993) Performance of subcutaneously

implanted needle-type glucose sensors employing a novel trilayer coating. Anal Chem 65

(15):2072–2077

346. Galeska I, Chattopadhyay D, Moussy F, Papadimitrakopoulos F (2000) Calcification-

resistant Nafion/Fe3+ assemblies for implantable biosensors. Biomacromol 1(2):202–207

347. Galeska I, Chattopadhyay D, Papadimitrakopoulos F (2002) Application of polyanion/Fe3

multilayered membranes in prevention of biosensor mineralization. J Macromol Sci Pure

Appl Chem 39(10):1207–1222

348. Ward WK, Slobodzian EP, Tiekotter KL, Wood MD (2002) The effect of microgeometry,

implant thickness and polyurethane chemistry on the foreign body response to subcutaneous

implants. Biomaterials 23(21):4185–4192

349. Yang Y, Zhang SF, Kingston MA, Jones G, Wright G, Spencer SA (2000) Glucose sensor

with improved haemocompatibilty. Biosens Bioelectron 15:221–227

350. Wisniewski N, Reichert M (2000) Methods for reducing biosensor membrane biofouling.

Colloid Surf B 18:197–219

351. Zhang S, Benmakroha Y, Rolfe P, Shinobu T, Kazuhiko I (1996) Development of a

haemocompatible pO2 sensor with phospholipid-based copolymer membrane. Biosens

Bioelectron 11:1019–1029

352. Yajima S, Sonoyama Y, Suzuki K, Kimura K (2002) Ion-sensor property and blood compat-

ibility of neutral-carrier-type poly(vinyl chloride) membranes coated by phosphorylcholine

polymers. Anal Chim Acta 463:31–37

353. Ishihara K, Nakabayashi N, Nishida K, Sakakida M, Shichiri M (1994) New biocompatible

polymer, application for implantable glucose sensor. Diag Biosens Polymer 556:194–210

354. Hetrick EM, Schoenfisch MH (2006) Reducing implant-related infections: active release

strategies. Chem Soc Rev 35:780–789

355. Quinn CAP, Connor RE, Heller A (1997) Biocompatible, glucose-permeable hydrogel for in

situ coating of implantable biosensors. Biomaterials 18:1665–1670

356. Deitzel JM, Kleinmeyer J, Harris DEA, Tan NCB (2001) The effect of processing variables

on the morphology of electrospun nanofibers and textiles. Polymer 42:261–272

357. Suri JT, Cordes DB, Cappuccio FE, Wessling RA, Singaram B (2003) Continuous glucose

sensing with a fluorescent thin-film hydrogel. Angew Chem Int Ed Engl 42(47):5857–5859

358. Praveen SS, Hanumantha R, Belovich JM, Davis BL (2003) Novel hyaluronic acid coating

for potential use in glucose sensor design. Diabetes Technol Ther 5:393–399

359. Yu B, Ju Y, West L, Moussy Y, Moussy F (2007) An investigation of long-term performance

of minimally invasive glucose biosensors. Diabetes Technol Ther 9:265–275

360. Tipnis R, Vaddiraju S, Jain F, Burgess DJ, Papadimitrakopoulos F (2007) Layer-by-layer

assembled semipermeable membrane for ampero-metric glucose sensors. J Diabetes Sci

Technol 1(2):193–200

361. Galeska I, Hickey T, Moussy F, Kreutzer D, Papadimitrakopoulos F (2001) Characterization

and biocompatibility studies of novel humic acids based films as membrane material for an

implantable glucose sensor. Biomacromol 2(4):1249–1255

362. Dungel P, Long N, Yu B, Moussy Y, Moussy F (2008) Study of the effects of tissue reactions

on the function of implanted glucose sensors. J Biomed Mater Res A 85A:699–706

94 G. Ocvirk et al.



363. Koschwanez HE, Reichert WM, Klitzman B (2010) Intravital microscopy evaluation of

angiogenesis and its effects on glucose sensor performance. J Biomed Mater Res A

93A:1348–1357

364. Koschwanez HE, Yap FY, Klitzman B, Reichert WMJ (2008) In vitro and in vivo charac-

terization of porous poly-L-lactic acid coatings for subcutaneously implanted glucose sen-

sors. J Biomed Mater Res A 87A:792–807

365. Sharkawy AA, Klitzman B, Truskey GA, Reichert WMJ (1998) Engineering the tissue which

encapsulates subcutaneous implants. II. Plasma–tissue exchange properties. J Biomed Mater

Res 40:586–597

366. Sharkawy AA, Klitzman B, Truskey GA, Reichert WMJ. (1998) Engineering the tissue which

encapsulates subcutaneous implants. III. Effective tissue response times. J Biomed Mater Res

(40):598–605

367. Updike SJ, Shults MC, Gilligan BJ, Rhodes RK (2000) A subcutaneous glucose sensor with

improved longevity, dynamic range, and stability of calibration. Diabetes Care 23:208–214

368. Marshall AJ, Irvin CA, Barker T, Sage EH, Hauch KD, Ratner BD (2004) Biomaterials with

tightly controlled pore size that promote vascular in-growth. ACS Polym Prepr 45:100–101

369. Subbaroyan J, Martin DC, Kipke DR (2005) A finite-element model of the mechanical effects

of implantable microelectrodes in the cerebral cortex. J Neural Eng 2:103–113

370. Ward WK, Hansen JC, Massoud RG, Engle JM, Takeno MM, Hauch KD (2010) Controlled

release of dexamethasone from subcutaneously-implanted biosensors in pigs: localized anti-

inflammatory benefit without systemic effects. J Biomed Mater Res A 94A:280–287

371. Klueh U, Kaur M, Montrose DC, Kreutzer DL (2007) Inflammation and glucose sensors: use

of dexamethasone to extend glucose sensor function and life span in vivo. J Diabetes Sci

Technol 1:496–504

372. Ju YM, Yu BZ, West L, Moussy Y, Moussy FJ (2010) A dexamethasone-loaded PLGA

microspheres/collagen scaffold composite for implantable glucose sensors. J Biomed Mater

Res A 93A:200–210

373. Mou X, Lennartz MR, Loegering DJ, Stenken JAJ (2011) Modulation of the foreign body

reaction for implants in the subcutaneous space: microdialysis probes as localized drug

delivery/sampling devices. J Diabetes Sci Technol 5:619–631

374. Klueh U, Dorsky DI, Kreutzer DL (2005) Enhancement of implantable glucose sensor

function in vivo using gene transfer-induced neovascularization. Biomaterials 26:1155–1163

375. Patil SD, Papadmitrakopoulos F, Burgess DJ (2007) Concurrent delivery of dexamethasone

and VEGF for localized inflammation control and angiogenesis. J Control Release 117:68–79

376. Norton LW, Koschwanez HE, Wisniewski NA, Klitzman B, Reichert WM (2007) Vascular

endothelial growth factor and dexamethasone release from nonfouling sensor coatings affect

the foreign body response. J Biomed Mater Res A (81A):858–869

377. Edelman JL, Lutz D, Castro MR (2005) Corticosteroids inhibit VEGF-induced vascular

leakage in a rabbit model of blood-retinal and blood-aqueous barrier breakdown. Exp Eye

Res 80:249–258

378. Machein MR, Kullmer J, Ronicke V, Machein U, Krieg M, Damert A, Breier G, Risau W,

Plate KH (1999) Differential downregulation of vascular endothelial growth factor by

dexamethasone in normoxic and hypoxic rat glioma cells. Neuropathol Appl Neurobiol

25:104–112

379. Wu WS, Wang FS, Yang KD, Huang CC, Kuo YRJ (2006) Dexamethasone induction of

keloid regression through effective suppression of VEGF expression and keloid fibroblast

proliferation. J Invest Dermatol 126:1264–1271

380. Carreau A, Kieda C, Grillon C (2011) Nitric oxide modulates the expression of endothelial

cell adhesion molecules involved in angiogenesis and leukocyte recruitment. Exp Cell Res

317:29–41

381. Gifford R, Batchelor MM, Lee Y, Gokulrangan G, Meyerhoff ME, Wilson GS (2005)

Mediation of in vivo glucose sensor inflammatory response via nitric oxide release. J Biomed

Mater Res A (75A):755–766

Electrochemical Glucose Biosensors for Diabetes Care 95



382. Heise HM, Marbach R, Koschinsky T, Gries FA (1994) Noninvasive blood glucose sensors

based on near-infrared spectroscopy. Artif Organs 18(6):439–447

383. Renard E (2008) Implantable continuous glucose sensors. Curr Diabetes Rev 4(3):169–174

384. Brauker JH (2015) Transcutaneous analyte sensor. US 8,989,833

385. Poscia A, Mascini M, Moscone D, Luzzana M, Caramenti G, Cremonesi P, Valgimigli F,

Bongiovanni C, Varalli M (2003) A microdialysis technique for continuous subcutaneous

glucose monitoring in diabetic patients (part 1). Biosens Bioelectron 18(7):891–898

386. Lucarelli F, Ricci F, Caprio F, Valgimigli F, Scuffi C, Moscone D, Palleschi G (2012)

GlucoMen day continuous glucose monitoring system A screening for enzymatic and elec-

trochemical interferents. J Diabetes Sci Technol 6(5):1172–1181

387. Brister MC (2015) Transcutaneous analyte sensor. US 7,494,465

388. Schachl K, Alemu H, Kalcher K, Ježkova J, Švancara I, Vytřas K (1997) Amperometric
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Electrochemical Arrays for Bioassay

Applications

Eduardo Cort�on and Susan R. Mikkelsen

Abstract This chapter presents a survey of developments and bioassay applica-

tions of individually addressable electrochemical arrays covering the past two

decades and including over 90 references. Many different array designs have

been fabricated, from macroscopic devices that have two to four sensing elements

to ultramicroelectrode arrays containing as many as 12,000 individually address-

able micrometer-sized working electrodes. Some inexpensively fabricated arrays

are intended for single sample analysis and are disposable, while others are encap-

sulated for incorporation into reusable microfluidic systems. Devices and assays are

grouped according to the types of modifications done to the sensing elements, and

sections are included to consider unmodified elements as well as modifications with

enzymes, antibodies or antigens, nucleic acids, in addition to viable cells and

tissues. Some trends have been identified, and possible future directions are

suggested.
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1 Introduction

This chapter concerns arrays of electrodes, or electrochemical cells, that have been

applied to bioanalytical assays. These arrays are orderly arrangements of elements,

with a minimum of two, that are uniquely and individually addressable. Ensemble

electrodes, in which all of the exposed macro-, micro-, or nano-sized sensing

elements are connected to a single source of stimulus and measurement of response,

are not considered, nor are electrode arrays that are used for electrical stimulation

(for example, arrays used for cochlear implant stimulation) without measurement of

an analyte-selective response.

Figure 1 shows a number of possible planar array geometries. The array ele-

ments in the figure may be amperometric, potentiometric, or impedimetric working

electrodes, and each element may consist of a complete electrochemical cell. The

most widely reported devices contain metallic amperometric or voltammetric

working electrode arrays that employ common counter and reference electrodes

that may be coplanar or external. Reported element dimensions vary from the mm

scale down to tens of nm. Many reports describe arrays that have been encapsulated

into microfluidic chips, and some have specialized external electronic and software

systems to allow multiplexed sequential or simultaneous data acquisition from all

elements.

Figure 2 demonstrates possible element complexities for amperometric,

voltammetric, and impedimetric measurements at individual array elements.

Amperometric and voltammetric measurements may be performed using either

two- or three-electrode electrochemical cells, and the reference/counter electrode

(s) may be components of the fabricated arrays. Impedimetric measurements

require two electrodes per element, and these are often interdigitated comb-type

electrodes.

Following an initial discussion of focused review articles, in which information

has been grouped according to analyte or measurement method, primary research

reports have been organized according to the types of surface modifications on the

sensing electrode elements.

A more traditional approach to the organization of this material would likely

involve sections about array fabrication methods, element numbers and dimensions,

and multiplexed instrument control and data acquisition strategies. Our approach,

however, is application-oriented: what are the analytes, what biorecognition agents

might be available for these, and what kinds of arrays have been fabricated using

these types of agents? For this reason, our chapter has been organized according to

the surface modifications of array elements. We hope that this “opposite direction”

approach might inspire bioanalytical and life science researchers to consider appli-

cations of electrochemical arrays in their areas of expertise.
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Fig. 1 Various reported geometries for individually addressable, planar electrochemical arrays
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2 Specialized Reviews of Principles and Practices

Tomčik has reviewed fundamental aspects of array performance when arrays are

fabricated with very closely spaced microelectrode elements [1]. Array elements of

micrometer dimensions, separated by very small gaps, have overlapping diffusion

layers, and allow interactions between adjacent elements. Theoretical studies and

basic applications of affected phenomena, in comparison with isolated array ele-

ments, include collection efficiency and redox cycling. The detection of catechol-

amines is considered.

An older general review by Stefan et al. [2] considers mathematical modeling for

data processing (including a variety of chemometric methods such as linear and

nonlinear partial least squares, fuzzy neural networks, and multivariate analysis of

variance), designs for electrochemical sensor arrays as well as applications in

environmental, food and clinical analysis. Arrays of potentiometric ion-selective

electrodes, piezoelectric crystal sensors, and voltammetric biosensors, as well as

the “electronic nose” gas-phase sensor arrays are reviewed.

An older but very comprehensive review is focused on modification of con-

ductive supports with layered redox proteins [3]. Modification of individual

array elements for applications in various bioelectronic devices is discussed,

leaning toward amperometric and voltammetric transducers and including
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W EW E
C E  +  R E
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C E

W E
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C E  +  R E

W E
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W E

Fig. 2 Illustration of various reported array element complexities. WE working electrode,

CE counter electrode, RE reference electrode, CE+RE pseudoreference electrode, OE other

electrodes. Striped band WE, RE, and CE+RE are shared by several WE
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photoelectrochemical and photoswitchable devices. Applications to electrochemi-

cal arrays are considered with various bioanalytical components and analytes.

A review of biochips and microarrays [4] considers requirements for biochem-

ical and medical diagnostic applications, focusing on silicon manufacturing tech-

nology coupled with magnetic beads, nucleic acid recognition, and enzyme

catalysis. This review includes optical as well as electrochemical measurement

methods.

A more recent and very useful review [5] considers voltammetric/amperometric

microelectrode arrays, their construction techniques, and various approaches to

surface modification. This review includes disk and band microelectrodes with

regular or random spacings between array elements. Several bioanalytical applica-

tions, including nucleic acid and protein detection, are included.

A review of chemical sensors and arrays [6] focuses on conducting polymers: as

inherent receptors, the modification of conducting polymers with receptors, the use

of conducting polymers as transducers as well as some applications in combinato-

rial and high-throughput assays. Fundamental aspects of redox-related conductivity

and pH-sensitive conductivity are included, and applications to chemical- and

enzyme-based biosensors are summarized based on analyte. A variety of detection

methods (electrical, electrochemical, and optical) are surveyed.

Protein analytes are the topic of a review of electrochemical biochips [7]. Both

assays and sensors are considered, using antibodies or nucleic acid aptamers for

analyte recognition. Consideration of “parallelization” or array construction for

biochips, by integration of these recognition agents onto single device elements,

forms a significant summary.

An interesting recent review focuses on immunoassays that employ amperomet-

ric array elements that have been coupled with magnetic separation principles

[8]. Magnetic beads are suitably modified and used as a readily separated solid

phase for antibody–antigen reactions, and electrodes modified with bioaffinity

ligands provide array element-specific interactions and detection that, when indi-

vidually addressed, allow the acquisition of unique signals for different analytes

present in mixtures.

Electrochemical biosensors for applications to food pathogens and toxins is the

topic of another review [9]. While the main content of this review involves

individual, single-analyte sensors, their integration into lab on a chip devices is

also considered. Amperometric, potentiometric, and impedimetric biosensor exam-

ples are included.

An excellent review of earlier developments in DNA biosensors that employ

electrochemical and piezoelectric transduction includes specific emphasis on those

that have been, or can be, implemented in array formats [10]. The design of

recognition materials, probe immobilization methods, hybridization conditions,

signal trandsuction, and amplification methods have been considered.

A short review [11] summarizes applications of one commercially available

device, the ElectraSenseTM microarray and reader, to the detection of RNA and

DNA in viral and bacterial pathogens. The microarray consists of 12,544 individual

platinum electrodes onto which probe nucleic acids are robotically spotted. Target
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nucleic acids are labeled with biotin prior to hybridization, and this is followed by

incubation with a peroxidase–streptavidin reagent to allow amperometric detection.

The reader interrogates all array elements in about 25 s, with each element being

read in less than 2 ms.

A recent review of bipolar electrochemistry focuses on the basic principles of

controlling solution, rather than electrode potentials, and includes many demon-

strated and possible applications [12]. The potential gradient generated across the

bulk solution covering the electrode arrays controls the anode-to-cathode potential

difference, which drives electrochemical reactions to generate optically detectable

anodic products. Various wireless bipolar electrode array configurations and appli-

cations are considered.

3 Unmodified Electrochemical Array Elements

This section includes unmodified electrodes as well as those modified by electro-

chemical or chemical pretreatments to allow rapid electrochemical kinetics for

measurements. Electrode modifications with biomolecular recognition agents are

considered in following sections.

Recent developments in this area include instrumental advances, such as those

described in Rothe et al. [13]. The connection of rapid electrochemical data

acquisition with elements of large arrays remains a challenge that has resulted in

some creative approaches. In this report, a 32� 32 array of Pt disc working

electrodes (1,024 elements) with a center-to-center distance of 100 μm have been

investigated in a systematic study of disc diameters from 5 to 50 μm, for ampero-

metric or voltammetric measurements with spatial and temporal imaging. Up to

90 frames per second can be acquired, with currents in the pA range. Results with

this device, shown in Fig. 3, demonstrate a significant instrumental advance that

may inspire many potentially useful bioanalytical applications.

The microplate model has often been used as a starting platform for electrochem-

ical array development. In a report from Tang et al. [14], a multichannel array

consisting of eight channels of Pt electrodes, fitted to the dimensions of standard

microplate wells, has been developed, with the requiredmultichannel potentiostat for

amperometric detection of the product of an enzymatic immunoassay label. Alkaline

phosphatase was used as the model immunoassay label in a model rabbit/anti-rabbit

IgG study, where the second IgG is labeled with enzyme. The enzyme product

provided the amperometric signal with a detection limit in the low pM range.

Reiter et al. [15] have reported a multielectrode system that is compatible with

the format of standard 96-well microplates. The system, housed in a Faraday cage,

is capable of sequentially monitoring, by cyclic or differential pulse voltammetry,

the contents of 16 wells, using three-electrode cells with Pt working electrodes. The

authors used this system to optimize conditions for redox modification of

pyrroquinolinequinone-dependent glucose dehydrogenase with a ruthenium com-

plex for enhanced electrochemical properties.
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The DOX-96 system, compatible with standard 96-well microplates, has

96 three-electrode electrochemical cells with disposable electrodes [16]. Using a

multipotentiostat, it applies a fixed potential to each electrochemical cell to monitor

current from the reduction of dissolved oxygen in a continuous and real-time

manner. The authors demonstrated the utility of this system for the evaluation of

antimicrobial susceptibilities both qualitatively and quantitatively (through mini-

mum inhibitory concentrations) for a variety of aerobically respiring bacterial

isolates in both clear and turbid samples. Good agreement with broth microdilution

results was obtained for both sample types.

The DOX-96 system has been applied to aerobic respiratory activity measure-

ments to monitor the interactions of isoflavonoids with A549 lung adenocarcinoma

cells [17]. These compounds inhibit cellular respiratory activity, resulting in

decreased consumption of dissolved oxygen. The authors report a detection limit,

Fig. 3 (a) Micrograph of the CMOS chip with the main circuit blocks indicated. The platinum is

patterned on top of the CMOS circuits; the SDCs thus are below the counter electrodes. (b) Picture

and schematic cross-section of the packaged CMOS chip. Only the electrode array and counter and

reference electrodes are exposed. The electric contacts and wire bonds are protected by an

injection molded polycarbonate cover glued on the chip and PCB (Reproduced with permission

from Rothe et al. [13])
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for fully respiring cells, of 1� 104 cells per well, compared to values of 2� 102 and

6� 103 cells per well for the accepted MTT and fluorescence assays, respectively.

The DOX-96 oxygen-sensing array has also been applied, using pattern recog-

nition methods, to the detection, classification, and differentiation of oxygen-

consuming bacteria based on their different and characteristic responses to the

presence of antibiotics [18]. The system has been further applied, in conjunction

with pattern recognition, to detection and identification of aerobically respiring

bacteria [19]. The time-dependent oxygen consumption was measured for pure

cultures during growth, in the presence of different, low concentrations of three

broad-spectrum antibiotics. Sufficiently distinct data were obtained for five bacte-

rial species to allow their discrimination.

An interesting approach to thin-layer electrochemical arrays, involving conver-

sion of electrochemical current to light using light-emitting diodes, has been

introduced but not yet applied to bioanalytical assays [20]. The measurement of

LED light intensity was shown to correlate with concentration for detection of an

inorganic ruthenium complex, and in a comparison with electrogenerated chemi-

luminescence coupled to light intensity detection, an improvement in the efficiency

and stability of electron-to-photon conversion was observed.

Two ensemble working electrodes, each consisting of 37 microdiscs of 50 μm
diameter, as components of two electrochemical cells have been microfabricated

and characterized by voltammetry and electrochemical impedance spectroscopy

[21]. The authors have designed this implantable two-electrode wireless biochip as

a step toward continuous in vivo monitoring of glucose and lactate in an animal

trauma model, and compared characterization results with a corresponding device

containing 5,184 microdiscs.

Small microelectrode arrays consisting of two, three, and seven working elec-

trodes have been constructed using 5 μm diameter carbon fibers sealed in

multibarrel glass capillaries that were pulled at one end, beveled and polished to

produce individually addressable working electrodes [22]. Conducting epoxy was

used at the open ends of the capillary barrels to individually connect the carbon

fibers to tungsten rods, and four connected bipotentiostats were used to control and

monitor all array elements. Spatial resolution of neurotransmitter exocytosis from

single pheochromocytoma cells was observed using the seven-electrode array.

A reusable microplate-compatible biamperometric electrochemical array, with

48 elements, has been reported and characterized using small organic reductants

as well as the glucose oxidase-catalyzed quantitation of glucose [23]. Since

biamperometry requires no reference electrode, simple construction of the array

involved two platinum wires per cell (96 total), designed so that the array is lowered

into half of the wells of a standard microplate, as shown in Fig. 4. Independent

control of each array element allowed simultaneous quantitative data collection

from 48 microplate wells in 2 min.

An electrochemical array consisting of electrode pairs separated by micrometer-

to nanometer-sized gaps, with the gaps bridged by the conducting polymer

polyaniline, has been reported [24]. Each electrode pair can be monitored

amperometrically or conductometrically, either separately or simultaneously. The
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combination of the two detection methods allows significant selectivity improve-

ments over the use of one or the other method on its own; this was demonstrated by

the selective detection of dopamine in the presence of a 1,000-fold excess of the

interferant ascorbic acid.

Arrays consisting of four platinum microelectrodes fabricated on glass micro-

scope coverslips have been used to electrochemically image the opening of exocy-

totic fusion pores in single chromaffin cells from bovine adrenal glands [25]. These

fusion pores release single vesicles containing catecholamine neurotransmitters that

are amperometrically detected at each of four 3 μm wide electrodes located at the

corners of a 10 μm� 10 μm window. A common external reference/counter elec-

trode immersed in the electrolyte bath completed the circuit, and a four-channel

potentiostat allowed rapid data acquisition for high temporal resolution of exocy-

totic events. Locations and magnitudes were measured for the current spikes that

occurred during exocytosis.

Exocytotic events from neural cells have also been followed using a microelec-

trode array system designed for monitoring the effects of drugs on neurotransmitter

release [26]. An excellent detection limit for dopamine (40 nM) and linear calibra-

tion over two orders of magnitude were demonstrated. The effects of K+ and L-3,4-

dihydroxyphenylalanine concentrations and incubation times on dopamine release

were examined.

The electrochemical microplate model has also been used in an array for

Salmonella enterica detection in meat, using immunomagnetic beads [27]. -

Antibody-modified magnetic beads allow rapid bacterial capture and are readily

separated and rinsed prior to incubation with a second, enzyme-labeled antibody.

Amperometric detection of the product of the enzyme reaction allowed excellent

detection limits of 1–10 CFU (viable cells) per 25 g meat sample.

Microbial fuel cells are attracting increasing interest because they promise an

alternative “green energy” source. While earlier studies demonstrated principles,

sufficiently efficient bacterial species have yet to be discovered. A new microbial

Fig. 4 Photograph of

48-channel biamperometry

array (Reproduced with

permission from Mann

et al. [23])
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fuel cell array has been reported for the discovery of electrochemically active

microbes, to compare species and strains for selection and practical use [28]. The

array consists of 24 integrated chambers, each containing an anode and a cathode,

and allows separate examinations of 24 miniature samples to quantitate and com-

pare microbial power outputs. The use of the array was demonstrated using isolates

of Shewanella species that showed distinct strain differences in power output.

The search for efficient electrochemically active bacteria for use in fuel cells has

been expanded with a high-throughput voltage-based screening assay [29]. This

assay uses a four- to nine-well prototype anode array and a universal cathode

compartment. Measurement of open-circuit voltages and currents occurred during

bacterial growth; results correlated well with known bacterial doubling times, and

several different organic electron donors were examined.

Screen-printing methods have been used to fabricate a 16-electrode microwell

array of carbon electrodes [30]. The polycarbonate-supported conducting tracks

were sandwiched between a solid lower block and an upper block of teflon that was

drilled to create microwells above each of the 16 electrodes. A silver wire, anodized

in chloride, was inserted from the top to allow amperometric/coulometric measure-

ments. This array was applied to antibiotic susceptibility testing with one strain of

E. coli, using bacterial respiratory activity changes to compare responses to 17 anti-

biotics. The use of ferricyanide reduction (and detection by oxidation of ferrocya-

nide) rather than oxygen consumption as an indicator of respiratory activity allows

this method to be used with bacteria that do not respire aerobically.

An interesting approach to electrochemical array design uses facing, orthogonal

band electrodes, made of platinum, photolithographically deposited on glass sub-

strates [31]. An array of ten “row” and ten “column” electrodes produced 100 indi-

vidually addressable intersection points for the detection of redox cycling, as shown

in Fig. 5. The use of the array was demonstrated using a multiplexed bipotentiostat

and both the ferri-/ferrocyanide redox couple and an alkaline phosphatase assay

with p-aminophenyl phosphate as substrate.

An analytically underdeveloped electrochemical phenomenon, wireless bipolar

electrochemistry, has resulted in a significant development in electrochemical array

design [12, 32]. The principle behind the generation of electrochemical reactions at

disconnected microband electrodes involves control of the solution potential, par-

ticularly the potential gradient across the solution adjacent to, and along the length

of the microband. Since the potential of the electrode itself is constant, the gradient

of solution potential can drive an anodic reaction at one end of the microband and a

cathodic reaction at the other, analogous to a biamperometric reaction in which both

an oxidizable and a reducible species must be present and reactive within a small

potential window (the solution potential difference between the ends of the band).

An array of 1,000 gold electrodes, each 500 μm long and 50 μm wide, separated

horizontally by 200 μm and vertically by 50 μm (as in rows and columns) were

microfabricated on glass slides. A single fluid reservoir sealed and covered the

array, allowing the introduction of one solution as well as the two stainless steel

plate electrodes used to generate the solution potential gradient. Application of
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85 V across 18 mm distance between the plates resulted in an anode-to-cathode

potential difference of about 2 V at each electrode.

Demonstration of the phenomenon employed an electrochemiluminescent reac-

tion at the anodes and oxygen reduction at the cathodes, allowing photographic

capture of signals, as shown in Fig. 6. This array design has subsequently been

applied to nucleic acid detection and is discussed further in a following section of

this chapter.

4 Electrode Arrays Modified with Enzymes

Electrochemical arrays are often composed of multiple sensing and detection

strategies, with some elements modified by enzymes for amperometric detection

(typically for glucose and/or lactate analytes) and others being either potentiometric

or modified with other recognition agents. In this section, arrays that contain

enzyme-modified elements are considered.

A sensor array for monitoring indicators of mammalian cell metabolic status has

been reported by Pemberton et al. [33], and is based on both enzyme-modified

elements and chemical sensors for temperature, pH, and dissolved oxygen. The

array, fabricated in a silicon platform using MEMS technology, consists of five-

well sensor strips with a multipotentiostat to switch between potentiometric and

amperometric measurement modes. Screen-printed biosensors for glucose and

lactate were grafted onto two of the wells. The authors envision applications to

cell culture and cytotoxicity studies.

The characterization of wastewater samples was the objective of a study of small

screen-printed amperometric enzyme biosensor arrays [34]. This study considered
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Fig. 6 (a) Illustrates how these principles are exploited in a microarray. A voltage applied

between two driving electrodes (Etot) creates a linear potential gradient through the solution

above the bipolar electrodes. Each bipolar electrode floats to an equilibrium potential whose

value is governed by the potential gradient in solution (b). The potential difference at the

electrode/solution interface will vary across the length of the electrode according to the potential

gradient applied to the solution. For a linear potential gradient, the potential difference across each

electrode (ΔEelec) will be identical, and both anodic and cathodic overpotentials will exist on a

single electrode. (c) When the anodic and cathodic overpotentials are larger than the onset

potentials for the oxidation and reduction of species in solution, then both reactions will occur

simultaneously at the ends of the bipolar electrode. Due to charge neutrality, an electrochemical

process at one pole of the bipolar electrode must be accompanied by an equal and opposite process

at the other pole (Reproduced with permission from Chow et al. [32])
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the compatibility of different enzymes, on different array elements, with common

solution conditions that include pH, cosubstrates, and product and/or substrate

inhibition, when all array elements are exposed to the same analyte solution. The

model for investigation included tyrosinase with horseradish peroxidase and tyros-

inase with cholinesterase, and these were studied in batch and flow injection modes.

Microelectrode arrays may also have a single enzyme immobilized on multiple

array elements, such as in the work reported by Stephens et al. [35] for in vivo

monitoring of glutamate in living animal subjects. These arrays are ceramic-based,

with glutamate oxidase cross-linked to platinum electrode surfaces, for real-time

amperometric detection and designed for in vivo applications. Ultimately, the

research is designed to provide an implantable device to provide alerts for human

ischemia or seizure as well as for human neurosurgical monitoring.

An earlier application of in vivo glucose oxidase-based biosensors employed a

3� 3 array consisting of glucose and dissolved oxygen measurement elements,

employed to map epileptic focus during surgery [36]. The authors report that,

during seizure in rats, oxygen levels decreased slightly while extracellular glucose

levels showed a biphasic response.

Another creative approach to enzyme electrode arrays, with minimization or

elimination of crosstalk between elements by cosubstrates or products, has been

reported by Kanungo et al. [37]. This group employed three different immobilized

enzyme systems in which the enzymes were immobilized during electrosynthesis of

poly(styrenesulfonate)-polyaniline composite films on track-etched polycarbonate

membranes. Good activity retention as well as large dynamic ranges and fast

response times were reported for the measurement of glucose, urea, and

triglycerides.

Four different enzyme modifications were used in an array designed for waste-

water quality determination [38]. Tyrosinase, horseradish peroxidase, acetylcho-

linesterase, and butyrylcholinesterase were used on an eight-element Pt electrode

amperometric array, with principal component analysis and signal drift correction.

Samples included untreated, variously treated, and pure water samples. Interest-

ingly, the most useful signals were obtained from the horseradish peroxidase and

unmodified Pt electrode array elements. Various forms of standard assessment

(including total organic carbon, chemical and biochemical oxygen demand, inhi-

bition of nitrification and respiration as well as several biotoxicity assays) provided

correlative data for the biosensor array signals.

Screen-printed, four-element gold electrode arrays were investigated using

tyrosinase (polyphenol oxidase) loaded into an osmium-loaded redox hydrogel

for surface modifications [39]. Two arrays were investigated that differed in design

and insulating layer as well as working electrode composition and construction with

respect to coatings over the gold layer. Characterization employed catechol as a

model substrate, and its direct electrochemistry (without enzyme) did not interfere

with the amperometric sensor responses. Good sensitivity and mechanical stability

are reported, along with stability up to 6 months. Detection limits for catechol were

below 1 μM.
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Another approach to enzyme-based biosensor arrays has been reported by Moser

et al. [40]. This flow-based detector, produced with a sealed glass-plate gold-

modified counter electrode, has a total internal volume of less than 10 μL, and
includes glass-supported elements for the quantitation of glucose, lactate, gluta-

mine, and glutamate in whole blood samples or fermentation broths. Crosstalk and

stability issues were successfully addressed.

A very specialized application of enzyme-based biosensor arrays has been

reported for the resolution of pesticide mixtures containing dichlorvos and

methylparaoxon, with a three-element array and a flow injection system [41]. The

screen-printed, amperometric electrode array was modified with three acetylcho-

linesterase enzyme variants, one from electric eel and two from Drosophila (fruit

fly) mutants, and were used to measure signal inhibition in conjunction with an

artificial neural network. Good results down to the low nM range of pesticide

concentrations were reported.

Another small array for pesticide determination, based on amperometric

enzyme electrodes, using tyrosinase, peroxidase, acetylcholinesterase and

butyrylcholinesterase, and measuring enzyme inhibition, has been reported

[42]. This report expands on an earlier paper that describes preliminary work

using the same enzyme combination for wastewater monitoring [38]. Key optimi-

zations were performed, specifically for enzyme substrates and compatibility

regarding crosstalk of esterases and oxidoreductases. Pesticides, heavy metals,

phenols, and other chemicals were examined using the array in flow and steady-

state modes. Nanomolar detection limits for several common pesticides were

achieved in the steady-state mode.

Research involving enzyme-based biosensor arrays for pesticide determination

has apparently been dominated by northern European groups. An English collab-

oration to develop a screen-printed enzyme-based biosensor array for organophos-

phate pesticide determination, using six acetylcholinesterase variants along with a

neural network program, has resulted in a significant practical development

[43]. Matrix effects were examined and field studies were conducted to quantitate

organophosphates in the nM to μM concentration range, with no false positive or

false negative results. The total assay time was less than 6 min.

A recent report of an in vivo flexible strip microelectrode sensor array for

glutamate and lactate monitoring in tissue represents an advance [44]. The

polyimide substrate was patterned with platinum microelectrodes in addition to

epoxy and dry film insulations to produce amperometric, enzyme-based sensors. An

on-chip reference electrode and a perm-selective layer, with hydrogel membranes

or direct cross-linking for enzyme immobilization, provided stable devices with

good performance and allowed a demonstration of in vivo application to glutamate

monitoring in rat brain.

A very interesting bioelectrochemical array development has been reported from

a collaborative effort in Japan [45]. This team has developed a model 400-element

array that uses four measurement modes (open circuit, potentiometric, and two

amperometric modes with different applied potentials). This was designed as a

platform for electrochemical imaging of biochemical and biological samples.
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Preliminary reported studies include oxidation of ferrocenemethanol as well as

enzyme-modified array elements, with an osmium-polyvinylpyridine gel

containing horseradish peroxidase. The results demonstrate promise for the

reported device in further bioanalytical applications.

5 Array Elements Modified with Antibodies or Antigens

A 16-element gold electrode array, fabricated with 200 nm wide N-shaped array

elements, operates on a signal inhibition principle for antigen detection [46]. Lipid

vesicles functionalized with ferrocene and biotin derivatives are delivered to the

microwells, followed by a streptavidin-protein G conjugate, followed by capture

antibody. This prepared surface is exposed to the antigen analyte. Voltammetric

signals from ferrocene oxidation are measured before and after antigen exposure.

One element of the array, before and after exposure to vesicles, is shown in Fig. 7.

Very significant signal decreases occur upon binding of human serum albumin, a

model antigen, to the capture antibody. Control experiments indicate good selec-

tivity, and the authors suggest a rearrangement of the surface-bound structure upon

antigen binding, to inhibit ferrocene oxidation.

An eight-element, screen-printed array of two-electrode electrochemical cells

consisting of carbon working and Ag/AgCl counter electrodes has been designed

for microfluidic applications and functions in a sealed multichannel microfluidic

chip with amperometric detection [47]. A conducting polymer layer consisting of

poly(pyrrole propylic acid), coating the carbon working electrodes, allowed cova-

lent immobilization of capture antibody for a sandwich-type immunoassay. The

Fig. 7 AFM topographic images of N-inscription-nanosized geometrics before (a) and after (b),

immobilization of functionalized lipid vesicles, which show 200-nm-sized wells (Reproduced with

permission from Lee et al. [46])
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second antibody, conjugated to alkaline phosphatase, allowed electrochemical

detection of the product of the p-aminophenyl phosphate hydrolysis product.

With mouse IgG as the target analyte and two anti-mouse IgGs for capture and

detection, a dynamic range of 100 ng/mL to 10 μg/mL was demonstrated. Selec-

tivity was tested using immobilized anti-goat IgG instead of the anti-mouse anti-

body, with good results.

Another sandwich-type immunoassay device, with four elements designed for

impedance measurements, has been reported [48]. Individual elements consist of

electrode arrays constructed from gold-modified pencil graphite onto which anti-

human IgG was chemically immobilized. Capture of the analyte, human IgG, was

followed by incubation with the sandwich antibody, another anti-human IgG,

modified with 15 nm gold nanoparticles. Binding of the sandwich antibody, occur-

ring only when human IgG was present, resulted in a very significant decrease in

impedance. A very wide linear response range was achieved, from 50 pg/mL to

100 ng/mL human IgG.

An eight-element array consisting of iridium oxide working electrodes, an

iridium counter and a Ag/AgCl reference electrode has been used for amperometric

multianalyte sandwich immunoassay with an enzyme label on the second antibody

[49]. Each planar array element, patterned on a glass substrate, has an area of

0.78 mm2. Simultaneous detection of four model analytes (goat, mouse, human, and

chicken antibodies) occurred without amperometric crosstalk between adjacent

elements, with 3 ng/mL detection limits.

The microplate model for immunoassays has been successfully adapted for

electrochemical measurements, with a 96-well screen-printed carbon microplate

system [50], shown in Fig. 8. The well bottoms form the sensing surfaces with

carbon working electrodes and Ag/AgCl counter electrodes. The system employs

intermittent pulse amperometry at fixed pulse potentials for detection. In this report,

aflatoxin B1 was the analyte, and a spiked corn matrix was chosen for examination

of extraction efficiencies and matrix effects in a competitive enzyme-linked

Fig. 8 Picture of a complete 96-well microplate (a) and of the support where the 96 sensors are

printed (carbon and Ag/AgCl) (b) showing also the comb-type connections (on the right site)

(Reproduced with permission from Piermarini et al. [50])

Electrochemical Arrays for Bioassay Applications 119



immunoassay format with alkaline phosphatase as the enzyme label. The use of this

enzyme allowed comparison of the electrochemical results (with naphthyl phos-

phate as substrate) with traditional optical detection (using p-nitrophenyl phos-
phate). With an immobilized polyclonal antibody preparation, selectivity for

aflatoxin B1 was excellent with the exception of interference from aflatoxin G1. A

working range of 50 pg/mL to 2 ng/mL was obtained with the electrochemical

microplate system. A fivefold improvement in detection limit, in comparison with

the spectrophotometric assay, was demonstrated.

The quantitation of a different aflatoxin (aflatoxin M1 in bovine milk) was the

subject of another competitive, enzyme-linked electrochemical immunoassay

report [51]. Photolithographic methods were used to prepare a 35-element array

of gold microelectrodes with 20 μm� 20 μm dimensions and 200 μm edge-to-edge

spacings. On-chip reference and counter electrodes were included. A competitive

immunoassay format was selected, and horseradish peroxidase was used with

tetramethylbenzidine/hydrogen peroxide substrates to generate the

amperometrically detectable product. Following optimization, a dynamic detection

range of 10–100 ng/mL aflatoxin M1 in undiluted milk was achieved.

A novel antibody immobilization method, using diazonium-functionalized anti-

cytokine antibodies for use in a sandwich-type immunoassay with horseradish

peroxidase labels, was used on a three-element array of gold disk electrodes

[52]. Despite close spacing of the three 0.5 mm diameter working electrodes,

crosstalk was insignificant when three different antibodies (to different cytokines)

were immobilized on the three elements. The assay was presented as a yes/no type

of multianalyte assay, using blank or 10 ng/mL solutions of the cytokines.

A four-element screen-printed graphite voltammetric array has been used in an

inhibition mode, with sol–gel containing gold nanoparticles modified with

peroxidase-labeled antibodies to detect protein biomarkers for cancer diagnostics

[53]. Binding of the soluble antigen to the immobilized antibody caused inhibition

of the peroxidase-catalyzed production of detectable species, indicated by signifi-

cantly decreased voltammetric peak heights. Antigen interaction with the surface-

bound antibody was facilitated by electrokinetic transport of negatively charged

antigen using a 2 min, 0.5 V incubation step orthogonal to the electrode surfaces.

The total analysis time of 5 min allowed clinically relevant concentrations of

carcinoma, carbohydrate, and carcinoembryonic antigens to be determined. Previ-

ous work in this area, leading to the four-element array, has been published [54, 55]

and a following paper with the same four-element array, including improved

validation results, is also available [56].

Exposure to Bacillus anthracis involves detection of an antibody to the

microbe’s protective antigen in serum and whole blood. For this purpose, a novel

8� 3 microwell array has been developed, in which each well contains three

electrodes to allow capture of the antibody and electrochemical detection using a

second antibody labeled with alkaline phosphatase, using p-aminophenylphosphate

as its substrate [57]. A layer-by-layer fabrication approach on silicon substrates,

using alternating gold and insulating layers, followed by reactive ion etching to

produce wells, resulted in a well-bottom disk electrode and two well-wall ring
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electrodes in each of the 24, 50 μm diameter wells that are about 8 μm deep and

have about 16 pL volumes. The B. anthracis protective antigen was immobilized on

the bottom disk electrode as a capture agent, to which the antibody, if present,

would bind. A second antibody, labeled with enzyme, forms the sandwich for this

noncompetitive immunoassay, and its product, p-aminophenol, is detected using

the two well-wall electrodes and an 8-channel multipotentiostat. The device and

assay scheme are shown in Fig. 9. Results showed excellent differentiation between

antibody-spiked and blank whole blood samples from different ethnic groups and

both genders.

A nine-electrode array has been reported for use in simultaneous protein and

nucleic acid detection on a single sample [58]. Bias-assisted assembly of probes

onto individual elements was employed with carboxyphenyldiazonium immobili-

zation chemistry. Simultaneous detection of DNA related to the breast cancer

BRCA1 gene and the cytokine interleukin-12 was demonstrated.

An array of sixteen 1� 1 mm2 gold electrodes, with each sandwiched between a

0.2� 1 mm2 gold counter and 0.2� 1 mm2 silver pseudoreference electrodes, has

been incorporated into a planar packaged microfluidic device for the detection of

Fig. 9 (a) The VEG8X1™ microcavity array chip with a schematic of the cavities. (b) The

immunoassay on a self-assembled monolayer of the 50-μm-diameter cavity (Reproduced with

permission from Aguilar and Sirisena [57])
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cancer biomarkers [59]. Derivatization of the electrode surfaces using thiolated

antibodies or short DNA probes allowed the detection of various tumor markers on

a single chip. Effective and rapid measurement of recognition was accomplished

using impedimetric and voltammetric methods.

An interesting approach to static electrochemical immunoassay arrays that

employs microcontact printing has been reported [60]. In this work, the authors

printed hydrophilic patterns onto a hydrophobic poly(dimethylsiloxane) substrate

to create “virtual beakers” to allow spatial separation of aqueous solutions. A

demonstration of the device employed anti-dinitrophenyl-galactose oxidase as a

model, and the galactose oxidase product hydrogen peroxide was detected by fixed

potential amperometry.

Immunoassay methods for cancer markers have been the topic of a recent report

involving detection of electrogenerated chemiluminescence [61]. This work com-

bines microfluidics with the electrochemical array, and detection with a CCD

camera to allow simultaneous, multiplexed analysis of responses in 30 microwells.

Each microwell contains a dense forest of single-walled carbon nanotubes, deco-

rated with the capture antibody. Protein analyte capture is followed by incubation

with a second antibody bound to Ru(bpy)-loaded silica nanoparticles to form the

sandwich. Detection by CCD camera, following reagent addition, completed the

procedure. Assays required 36 min and detection limits were 10–100 fg/mL for four

general prostate cancer biomarkers. Very good correlations were obtained with

single protein ELISA analyses of sera from human prostate cancer patients.

6 Electrochemical Nucleic Acid Arrays

An array of nine individually addressable working electrodes, made of vertically

aligned ensembles of carbon nanofibers grown on 100 nm Ni dots and spaced 1 μm
apart, was used for the detection of DNA targets from E. coli O157:H7 [62]. The

multistep 3� 3 element array fabrication was followed by DNA immobilization,

with probes labeled with cyanine dyes and amine-terminated. Scanning electro-

chemical microscopic images of these arrays, at various stages of fabrication,

are shown in Fig. 10. Guanine bases in the immobilized probe were substituted

with an electroinactive moiety. Immobilization employed a carbodiimide/

n-hydroxysuccinimide formation of an amide bond to surface carboxylic acid

groups. The chosen DNA targets had an oligo(dG) tail, and AC voltammetry was

employed with a solution containing Ru(bpy)3
2+. Both guanine and the ruthenium

complex are oxidized near 1 V (SCE), but the guanine oxidation is irreversible. The

difference in peak heights between the first and second ACV scans was used to

determine the signal for comparison with positive and negative control elements.

The authors state that fabrication of larger arrays of up to 10� 10 elements is

possible with their fabrication method.

Commercially available arrays of 16 three-electrode amperometric elements,

with gold electrodes deposited onto a plastic substrate, and overall array dimensions

122 E. Cort�on and S.R. Mikkelsen



of 2.5 cm� 7.5 cm, have been used to identify uropathogenic bacteria based on

rRNA detection [63]. A single, short sample processing step, involving the lysis of

bacteria to release the 16S rRNA fragments, was required. Thiol-terminated capture

DNA probes were self-assembled onto the working electrodes. Capture of the

(longer) target was followed by incubation with a detection probe consisting of a

fluorescein-labeled complementary DNA sequence. A further incubation with a

peroxidase-labeled anti-fluorescein antibody allowed the tetramethylbenzidine/per-

oxide reaction to provide amperometrically measured products, indicating the

presence of the bacterial rRNA in the examined sample. Samples included pure

cultures, inoculated urine, and clinical urine samples. Each of the 78 clinical

samples was examined in duplicate on the 16-element array, using seven probe

pairs and one negative control pair of elements. Correct identification of 98% of

gram-negative bacteria, for which species-specific probes were available, was

accomplished in 45 min from the beginning of sample processing. The same

array was used in a following clinical examination of 109 urine samples with

comparison to standard urine culture results [64]. Excellent results for identification

Fig. 10 SEM images of (a) as-grown forest-like VACNFs, (b) as-grown patterned VACNF arrays

on 100 nm diameter Ni spots using e-beam lithography, (c) the surface of a polished VACNFs

embedded in SiO2 matrix, and (d) the surface of a polished patterned VACNF array embedded in

SiO2 matrix. (a and b) are 30� perspective views while (c and d) are top views. The scale bars in

(a)–(d) are 3, 2, 1, and 1 μm, respectively (Reproduced with permission from Arumugam

et al. [62])
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of 20 different organisms in the 74% of positive cases within a point of care time

frame were reported.

Most electrochemical DNA sensor arrays are used to detect products of the

polymerase chain reaction (PCR), which increases the concentration of the

sequence of interest in the sample. Goto et al. [65] have reported a microfabricated

DNA chip that they applied to both bacterial and viral nucleic acid detection. The

chip consists of 40 gold working electrodes of 200 μm diameter along with common

reference and counter electrodes. Thiol-terminated DNA probes were self-

assembled onto individual working electrodes in the array elements. Incubation

of the chip elements with PCR products, and with the redox-active intercalating dye

Hoescht 33258 was followed by voltammetric detection of responses at the indi-

vidual elements. The immobilization, hybridization, and detection steps are illus-

trated schematically in Fig. 11. One strain of Clostridium, two of Helicobacter as
well as the nucleocapsid protein gene of mouse hepatitis virus were successfully

and quantitatively detected.

A 16-element array of square gold working electrodes with widths/lengths of

100 μm, 90 μm, 80 μm, and 70 μm (four working electrodes of each size, to study

area effects on signals) has been employed for the detection of a model target DNA

sequence from human retinoblastoma cells [66]. Each row of four working elec-

trodes shares a common counter electrode, and the chip dimensions are

5 mm� 3 mm. Integrated electronics allow voltammetric detection. Immobilized

thiol-terminated DNA probes were hybridized with ferrocene-labeled targets, and

ferrocene oxidation provided voltammetric peaks, the areas under which were

integrated to provide analytical signals. This system allowed real-time monitoring

of the hybridization of ferrocene-labeled DNA targets to the immobilized probes.

Fig. 11 Principles of the DNA detection strategy using a 40-working-electrode gold array system

(Reproduced with permission from Goto et al. [65])
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Results suggest a target DNA detection limit of 50 pM. Possibly, a competitive

assay could be developed for unlabeled target DNA.

An interesting application of scanning electrochemical microscopy (SECM) to

DNA detection on a 48-electrode array has been reported for the detection of

Salmonella spp. [67]. Both 10 and 25 μm gold electrodes were tested with thiol-

modified, self-assembled DNA probes; the approach to chemisorption employed

four-thiol groups on each DNA strand, spaced with adenine residues, to reduce

steric hindrance for hybridization and enzyme labeling. The soluble targets were

biotin-labeled. An avidin-alkaline phosphatase enzyme label was then used and,

with the redox cycling of the p-aminophenylphosphate hydrolysis product p-
aminophenol with its quinoneimine, inherent in the measurement technique, a

two-stage signal amplification was possible. Femtomolar detection limits for the

target sequences were obtained without redox cycling. Approach curves demon-

strated a 3.6-fold signal amplification due to redox cycling with the SECM tip

positioned very close to the electrode surfaces.

Arrays containing three gold sensing elements, each 900 μm� 900 μm, one

counter and one reference electrode were fabricated on glass substrates and sealed

into reusable microfluidic devices for DNA detection in PCR-amplified samples

[68]. Gold–thiol self-assembled monolayer immobilization chemistry was used

for gold working electrode modification with probes complementary to human

(H1N1) and avian (H5N1) viral PCR amplicons. All assay steps, including electro-

chemical addressing and immobilization, sequence-specific detection, and sensing

element regeneration were accomplished in situ, within the sealed device. The

use of oxidative desorption at one sensing element allowed arrays with different

probe/capture sequences on different elements to be sequentially constructed. The

immobilized probe sequences were labeled with electrochemically detectable

methylene blue, while target sequences were not labeled. Characterization exper-

iments used 400 nM solutions of target DNA and 25 min hybridization times.

Scanning voltammetry was used for detection, by measurement of peak heights,

with significantly smaller peaks observed following hybridization.

Gold–thiol immobilization was also employed using the same commercially

available 16-element array that was used in the work described for the detection of

urinary tract infections [63, 64], but in this case was used to demonstrate the

detection of single nucleotide polymorphisms (SNPs) which result in a single

mismatched base in a probe-target hybrid [69]. In this work, each element is

modified with a different capture probe. Following analyte sequence capture, a

biotin-labeled detection probe is ligated to the immobilized DNA using a ligase

enzyme that functions only in the absence of base-pairing mismatches. A single-

base mismatch was efficiently recognized by the ligase, and the detection probe was

not ligated. An avidin-peroxidase conjugate, with tetramethylbenzidine was used

for amperometric signal generation.

A different array design, with six gold working electrodes of reproducible

area (0.030� 0.002 cm2), and common gold counter and Ag/AgCl reference elec-

trodes, has been fabricated and applied to the simultaneous detection of HIV-1

and HIV-2 oligonucleotides [70]. Thiolated hairpin DNA probes were used, with
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immobilization by self-assembly, and methylene blue was used as a hybridization

indicator. The single-stranded hairpin capture probes associated more strongly with

methylene blue than did the hybridized DNA, and square wave voltammetry

showed significant signal decreases upon successful hybridization. Detection limits

were reported as 0.1 nM target DNA, using a 6 h self-assembly time and a 1 h

hybridization time.

Another approach to electrochemical detection of DNA hybridization on elec-

trode arrays involves the exploitation of unpaired guanine residues on the

immobilized capture probe [71]. This work used a 5� 3 array of planar, square

gold electrodes of 1 mm2 area each (note that in this reference, 1 cm2 is reported

in their materials section (2.1) while 1 mm2 is reported in their methods section

(2.2.1); given the reported signal amplitudes, the latter is likely the correct value).

Measurements used common platinum counter and Ag/AgCl wire reference elec-

trodes. The model target was a 107-base amplicon of lymphotoxin-α, which is a

diagnostic indicator of breast cancer predisposition through the BRCA1 gene. A

20 base capture probe was immobilized on working electrode surfaces using thiol

groups tethered to the 50 ends with hexamethylene spacers. Control experiments

used an immobilized 21 base capture probe corresponding to exon 13 on the

BRCA1 gene. Differential pulse voltammetry was used for the reduction of meth-

ylene blue, and results showed significantly increased peak currents for hybridized

probes in comparison with controls. The different mechanisms of interaction of

methylene blue, with unpaired guanine bases, by electrostatic interaction, and by

intercalation, were discussed with respect to other reports, with different experi-

mental conditions, of signal decreases following hybridization. A detection limit of

20 nM target was reported.

An eight-element array has been constructed using silicon technology to produce

interdigitated gold electrode pairs at each array element; redox cycling may occur

between the two electrodes if different poised potentials are employed [72]. The

interdigitated elements are constructed with an overall circular pattern of radius

200 μm with a 250 μm gap between elements, as shown in Fig. 12. The interdig-

itated fingers on each element have submicrometer widths and gaps. The array is

sealed and used in a flow system with an external Ag/AgCl reference electrode

and a 16-channel multipotentiostat. Used for the detection of p-aminophenol, the

hydrolysis product of p-aminophenylphosphate by alkaline phosphatase, with each

anode at +350 mV and each anode at �50 mV, redox cycling of the aminophenol/

quinoneimine couple was observed. Self-assembly of hexanethiol-modified capture

DNA probes was used for electrode modification. Two elements were used for each

of the cytomegalovirus, Epstein Barr virus, and herpes simplex virus DNA

sequences, and the two remaining elements were used for positive and negative

controls. Target PCR products with biotin labels were hybridized, and an avidin-

alkaline phosphatase conjugate was bound. After introduction of substrate, flow

was stopped and currents due to product redox cycling were measured. Target

concentrations of 2 nM were selectively detected, and the entire procedure was

complete within 50 min.
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A ten-element potentiometric microelectrode array, with iridium oxide

electrodeposited onto 20 μm planar gold disks, has been used to selectively capture

and monitor acidification with single, viable mammalian cells using DNA-modified

electrode surfaces and complementary DNA-modified cells [73]. The iridium oxide

surface was silanized using an aldehyde silane for amine-terminated capture DNA

immobilization. Cell surfaces were modified with N-hydroxysuccinimide-termi-

nated DNA sequences at exposed primary amine groups. The encapsulated array

employed a syringe-based flow system to introduce pure or mixed cultures of

healthy primary T cells and Jurkat T lymphoma cells. Acidification due to single

captured cells was monitored on individual array elements using potentiometric

measurements with respect to an external Ag/AgCl reference electrode. Results

demonstrate that the cancerous Jurkat cells acidify at a significantly greater rate

than the healthy T cells.

An eight-working electrode array with common counter and reference electrodes

has been fabricated by screen printing, using conducting graphite ink followed by

an insulating ink layer to define a 3 mm diameter electrochemical cell [74]. Each of

Fig. 12 Photograph of the electrical biochip and a scheme of the measuring system: (a) chip on

printed circuit board; (b) 16-channel multipotentiostat with chip and flow-through cell connected

to the reference electrode, pump, and computer; (c) details of the eight used chip positions; (d)

details of the submicrometer interdigitated electrode fingers and the three-dimensional polymeric

ring structures (Reproduced with permission from Nebling et al. [72])
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the working electrodes has an approximate area of 780 μm2 and the eight graphite

electrodes are positioned around central common ring reference and disk counter

electrodes. Carbodiimide/N-hydroxysuccinimide immobilization of amine-

terminated DNA probes onto surface carboxylic acid groups was used to immobi-

lize three different probes on different elements: a 20-base sequence targeting

codon 273 in exon 8 of the p53 gene (related to esophageal adenocarcinoma), a

noncomplementary sequence, and a single-base mismatched sequence. Measure-

ments of faradaic impedance showed large shifts upon hybridization and allowed

detection of complementary targets at concentrations of 1–200 nM, without label-

ing. Hybridization conditions were optimized for easy discrimination between

complementary, noncomplementary, and single-base mismatch targets.

Another planar, circular array produced by screen-printing consists of eight

radially distributed gold working electrodes around a larger, central, common

Ag/AgCl counter electrode [75]. Thiolated capture DNA probes were immobilized

on all eight 1.5 mm diameter working electrodes. Following hybridization to the

longer, purified PCR amplicon target, four different biotin-labeled signaling

sequences were used with sequences complementary to different regions of the

target. Avidin-alkaline phosphatase was then used, with α-naphthyl phosphate as

substrate, and detection was performed by differential pulse voltammetry. Target

detection limits of 0.1 and 0.3 nM were obtained for two hazelnut allergen

sequences. Commercially available foods were comparatively tested against the

accepted ELISA tests, with very good agreement.

A 16-element electrochemical array, consisting of a linear arrangement of

16 gold working electrodes (1.5 mm diameter) next to a coplanar common coun-

ter/reference band electrode, has been fabricated on a device similar in total size to

a glass microscope slide [76]. The goal of the work was to examine the rRNA of

phytoplankton communities for the detection of toxic algae. Thiolated capture

probes were immobilized on the working electrode surfaces, and hybridization

mixtures contained a digoxigenin-labeled signaling probe that was subsequently

incubated with anti-digoxigenin-peroxidase. Amperometric detection of the prod-

uct of the 4-aminophenylamine substrate occurred for 10 s at�147 mVwith respect

to the Ag/AgCl counter electrode.

An array of interdigitated electrode pairs has been reported for the redox-cycling

detection of the alkaline phosphatase reaction product p-aminophenol, used as a

label for hybridization detection of unamplified uropathogenic bacterial 16S rRNA

[77]. Sixteen interdigitated electrode pairs, with 800 nm finger widths and 400 nm

gaps, and a 500 μm circular interdigitation diameter, formed the 16-element

electrode pair array. Thiolated capture probes, specific to the individual bacteria,

were spotted onto the gold array elements and a common signaling/detection probe,

labeled with biotin, employed a sequence complementary to a region of the rRNA

that was identical in all of the five bacterial species. Avidin-alkaline phosphatase

was used for product and signal generation. All of the hybridization, rinsing and

detection steps were fully automated in a multiport flow system with automated

detection system that provides results for all elements in 8 s. Potentials of +350 and

�150 mV were used for the anodic and cathodic components of each element,
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respectively, controlled against an external Ag/AgCl reference electrode.

Supporting oligonucleotides were also used to promote efficient target capture at

the array elements. Excellent selectivities were achieved for discrimination of the

five bacterial species, and an E. coli detection limit for total RNA was reported as

0.5 ng/μL.
The ElectraSenseTM electrode array platform, containing 12,544 individually

addressable platinum working electrodes, is shown in Fig. 13. It has been applied to

genotyping and gene expression assays [78]. The CombiMatrix system for synthe-

sis of immobilized DNA probes was used to compare fluorescence detection

of hybridization with the cyanine dye Cy5 to amperometric measurements, using

biotin-labeled targets followed by streptavidin-peroxidase labeling and

tetramethylbenzidine product detection. Influenza genotyping assays for H3N2

and H15N5 subtypes were compared for fluorescence and electrochemical detec-

tion methods, and detection limits of 1.5 pM and 0.75 pM were reported, respec-

tively. A number of bacterial pathogens were also included in this large,

comparative study.

A demonstration of a wireless bipolar electrode array for DNA detection, using

only three array elements (but almost infinitely scalable) has been reported

[79]. The electrochemical principle involves controlling the potential of the solu-

tion across the electrode, rather than the potential of the individual electrode

elements of the array. Anodic and cathodic plate electrodes are immersed in buffer

covering the parallel-aligned, disconnected electrodes to generate a solution poten-

tial gradient. Gold electrode elements were modified with thiol-terminated 25-base

capture probes. Target DNA was labeled with 4 nm Pt nanoparticles. Once hybrid-

ized, an electrochemiluminescent reaction occurs at the anodic ends of the elements

due to the oxidation of Ru(bpy)3
2+ and tri-n-propylamine, while Pt nanoparticle-

catalyzed oxygen reduction occurs at the cathodic ends. To demonstrate the prin-

ciple, optical micrography was used to capture emitted light. A schematic and

photographic demonstrations of results are shown in Fig. 14.

Fig. 13 ElectraSense™ Reader (a) and ElectraSense™ 12K microarray with hybridization cap

(b) (Reproduced with permission from Ghindilis et al. [78])

Electrochemical Arrays for Bioassay Applications 129



A 15-element thin-layer platform, consisting of two 5� 3 element gold primary

electrodes modified with thiol-terminated DNA, separated by a teflon spacer from a

top 5� 3 array of secondary electrodes has been reported [80]. The electrodes are

1 mm diameter disks embedded in teflon blocks. The immobilization method

employs click chemistry, with azide-terminated thiol spacers initially immobilized

on the primary electrodes, and ethynyl-labeled DNA probe duplexes covalently

bound via catalysis by an electrochemically reduced copper complex (demonstrat-

ing element-specific immobilization). Methylene blue oxidation, with regeneration

from ferrocyanide, allows detection at the aligned and opposite secondary elec-

trodes. The authors report the detection of femtomoles of target DNA from tran-

scription factors TATA-binding protein and CopG.

Another application of a sandwich hybridization assay, using immobilized

capture and soluble reporter probes, has been reported for the detection of

PCR-amplified DNA sequences associated with celiac disease [81]. A 4� 4 planar

array of 1 mm2 gold working electrodes was used with shared, coplanar counter,

and reference electrodes and was sealed into a microfluidic housing. A reporter

probe with a common sequence was premodified with a terminal peroxidase label,

and the tetramethylbenzidine oxidation product was detected using a multiplexed

potentiostat for sequential addressing of the 16 elements. Good agreement was

found in comparison with standard clinical HLA typing methods.

Fig. 14 (a) Top-view schematic illustration of the microdevice. (b) Optical micrograph of the

bipolar electrode configuration used to obtain the data in the other panels of this figure. False-color

luminescence micrographs showing (c) the ECL emitted at Etot¼ 16.0 V when complementary

target DNA functionalized with Pt-NPs is hybridized to probe DNA present on the electrode

surface; (d) no ECL emitted at 16.0 V prior to hybridization; (e) the ECL emitted at 16.0 V when

only the top two electrodes of the device are exposed to the labeled target; and (f) the ECL

emission at Etot¼ 22.0 V for the device in (e) (Reproduced with permission from Chow et al. [79])
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7 Electrode Arrays Modified with Cells or Tissues

A four-element array, with four working electrodes and common counter and

reference electrodes, has been fabricated using screen printing and applied to

the capture of cells for surface glycan detection [82]. Carbon working electrodes

were modified with peptide-functionalized single-walled carbon nanotubes. The

arginine-glycine-aspartic acid-serine peptide (RGDS) was chosen because it has

very high affinity for cell surface integrins, to allow capture of viable cells on

the working electrode surfaces. With cells immobilized, each working electrode

was exposed to a different lectin-peroxidase conjugate. The four lectins

(concanavalin A, Dolichos biflorus agglutinin, peanut agglutinin, and wheat germ

agglutinin) were chosen because of their different oligosaccharide-binding selec-

tivities. Voltammetric detection of the peroxidase reaction products allowed dis-

crimination of human leukemic K562 cells before and after treatment with a drug,

30-azido-30-deoxythymidine, that induces changes in cell surface glycosylation.

Good agreement with fluorimetric flow cytometry results was observed.

Thin-film platinum ultramicroelectrode arrays, with subcellular-sized working

electrode elements, have been used for spatial resolution of single vesicle release

from cultured PC12 cells from rat adrenal medulla [83]. Three array types, with

4� 4 (4 μm element width), 5� 5 (3 μm), and 6� 6 (2 μm) approximately square,

planar working electrodes, were fabricated. All arrays were designed to fit within a

30� 30 μm square, to allow examination of single cells or small cell clusters. Nine

working electrode arrays were constructed on each glass wafer. PDMS wells were

created over the arrays, which formed the well bottoms. The arrays were coated

with dilute collagen, and PC12 cells were then cultured on the array surface. The

arrays with cells attached, and signals for dopamine release, are shown in Fig. 15.

The release of dopamine from individual cells was monitored simultaneously at

each of the 16 elements in the 4� 4 array, with a multichannel potentiostat and an

external Ag/AgCl counter electrode. Very high temporal resolution and rapid data

acquisition were achieved. Over total acquisition times of about 2 min, many

individual transients, corresponding to exocytosis, were observed when cells were

located on one or more of the array elements. The effects of reserpine and L-dopa on

release events was examined using this array.

A thorough characterization of a multi-working-electrode amperometric array,

fabricated and proposed for the measurement of nitric oxide and peroxynitrite

released from cells, has been reported [84]. Each array element contains seven

short-circuited 50 μm diameter, planar, circular gold ultramicroelectrodes posi-

tioned at the corners and center of a hexagonal element with 500 μm interelectrode

spacings. These seven coplanar elements, with similar hexagonal geometry, were

located next to one element containing 61 short-circuited elements of the same size

and separation. Common coplanar ring counter and band Ag/AgCl reference

electrodes were used. The complete array contains eight addressable elements,

allowing simultaneous measurements at 7, 49, or 110 individual ultramicro-

electrodes. Elements coated with poly(eugenol) and poly(phenol) layers were
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used for selective NO detection at +0.8 V, while uncoated gold elements were used

for the detection of ONOO� at �0.1 V. Excellent interference rejection for com-

mon biochemical species was observed, and simultaneous measurements of nitric

oxide and peroxynitrite were demonstrated. The authors state their intention to

expand applications to viable cell cultures.

Spatial sensing of three-dimensional cell aggregates and constructs in a gelatin

matrix has been proposed using a four-chamber reservoir, with each reservoir

containing eight platinum rod electrodes for directional impedance measurements

[85]. Two electrodes were located on each of the sides of each square chamber. For

each measurement, four electrodes are used: two to carry current and two to

measure voltage. Different combinations of electrode locations allow acquisition

of spatially resolved impedance. Demonstrations included gelatin-encapsulated

HepG2 cells (derived from a liver hepatocellular carcinoma), molded into cylinders

and placed at different locations inside the reservoirs, which were then filled with

blank crosslinked gelatin. Results demonstrate the possibility of applications to

tissue engineering processes.

Fig. 15 Electrochemical imaging of a PC12 layer for short (5 s) and long (25 s) K+ stimulations.

(a) Micrograph showing the 16-electrode array covered by a population of PC12 cells and the

stimulation pipet positioned on the left of the picture. (b) Blow-up of the electrode array, showing

the cell population and the labeling of the electrodes (scale bar, 10 μm). (c) Amperometric traces

obtained for short or long stimulations of the cell layer. In both cases, the stimulations are

indicated by a black bar at the top of the graph (Reproduced with permission from Wang

et al. [83])
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8 Other Modifications of Electrochemical Array Elements

Four-element electrochemical transistor arrays, encapsulated in a microfluidic

device, with gate voltages controlled by solution composition and drain-source

currents providing analytical signals, have been fabricated [86]. Source and drain

electrodes are connected by a 300 μm diameter channel coated with poly

(3,4-ethylenedioxythiophene) doped with poly(styrenesulfonate), which is a con-

ductive coating, filled with electrolyte solution. The Pt electrode gates are in contact

with the solutions separating the gates from the conducting source-drain channels.

Multianalyte detection was demonstrated using reference, glucose oxidase, lactate

oxidase, and combined glucose and lactate oxidase enzyme assays. Due to the

patterning of hydrophilic and hydrophobic coatings, no external pumps or electro-

phoretic flow control is needed to fill the channels, and sample volumes of 5 μL are

adequate.

The microplate model for electrochemical arrays has been applied to 24-well

cell culture plates, for the measurement of nitric oxide and superoxide in cultured

cells [87]. In this work, the authors used screen-printed carbon electrodes, modified

with electrodeposited nickel tetrasulfonated phthalocyanine, coated with a Nafion®

film, for NO detection. Superoxide detection used the gold array elements, modified

first by a thiol-succinimide reagent and subsequently exposed to cytochrome c for

its covalent attachment. Each well contained, at the well bottom, three 1 mm

diameter electrodes (two gold and one carbon) with individual Ag/AgCl counter

electrodes. The device is shown in Fig. 16. Measurements employed a two-channel

potentiostat, with applied potentials of +100 mV for superoxide and +750 mV

for nitric oxide, for acquisition of chronoamperometric data. Wells were seeded

Fig. 16 Amperometric

sensor array in a standard

24-well cell culture plate

format, the fabrication

details of which are given in

Sect. 2. The inset shows the
array mounted in a specially

constructed connection

system (Reproduced with

permission from Chang

et al. [87])
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with different quantities of A172 human glioblastoma cells, and signals for both

superoxide and nitric oxide increased with cell numbers. Simultaneous recording of

both signals following cell stimulation was demonstrated. The authors propose the

use and expansion of this platform for the screening of compounds designed to

inhibit NO synthase or to inhibit superoxide free radical production.

Four-element arrays, with each element consisting of three Pt electrodes (one

modified 30 μm� 30 μm square working, one counter and one Pt pseudo-

reference), have been fabricated on glass substrates for the detection of the anabolic

steroid albuterol, which is a doping concern in athletics and has been used as a food

supplement for farm animals [88]. The arrays are based on working electrode

modification with a molecularly imprinted polymer that is selective for albuterol

over clenbuterol and terbutaline, two closely related compounds. The arrays are

reusable (at least 20 times) and linear responses, as differential pulse voltammetric

peak currents, for the oxidation of phenolic hydroxyl groups at about +0.45 V,

occur over the 1–50 μM concentration range of albuterol. The molecularly

imprinted polymer electrode films allow discrimination over similarly

functionalized interferants.

A new polymer has been developed to modify the surfaces of ElectraSenseTM

platinum electrode arrays, to allow general immobilizations on porous, hydrophilic

surfaces [89]. Surface modification of the electrodes with an initial layer of

polymethacrylate block copolymer with poly4-bromostyrene was followed by

spin coating the array with a new diblock copolymer that, after UV irradiation,

produced a porous cross-linked polymer coating with 20 nm pores. The new

polymer both protects the electrode surfaces from fouling and also allows immo-

bilization of biorecognition agents. On both the 1,024 and 12,544 microelectrode/

cm2 prototypes, consistent coating was observed and optically detectable markers

were immobilized.

The integration of different kinds of proteins into electrochemical arrays has

been the subject of a recent report involving an alkali ion-channel protein and

alcohol dehydrogenase [90]. A scalable 2� 2 array of 1 mm2 radius gold disk

working electrodes was fabricated, with each pair separated by a Ag/AgCl refer-

ence band on a CMOS chip. Immobilization of a bilayer membrane containing the

ion channel protein on one element, and alcohol dehydrogenase on the other

electrode, using gold–thiol chemistry, provided the two detection elements. Both

sensors performed well using voltammetric detection (dehydrogenase) and

impedimetric detection (for K+) of about 2 mM.

Bovine adrenal chromaffin cells were used to demonstrate a new multi-

microwell array, shown in Fig. 17, with tiny indium-tin oxide semitransparent

disk working electrodes at the bottoms, and with the wells suitably sized to house

single cells and monitor quantal exocytosis of dopamine [91]. Disk electrodes

20 μm in diameter were recessed from the surface of an insulating film (SU-8)

laminated to a microscope slide glass substrate. Polylysine modification of the ITO

surfaces allowed the size-selective capture of individual cells facilitated by gravity.

Poly(ethylene glycol) was used to coat the outer surfaces with a hydrophilic,
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Fig. 17 Photos of device and chip holder. (a) Photo of device on glass slide substrate. The

40 squares around the perimeter are connection pads whereas the working electrodes are in the

center (dashed oval). (b) Expanded view of the 40 working electrodes, which are arranged in 4 sets

of 10. Each conductive trace is 60 μm wide. (c) Photo of chip holder. The removable plastic cover

has 40 holes to facilitate connection of amplifier to the connection pads (upper arrow). Cells and
solutions are placed in the center of the device as is a Ag/AgCl reference electrode (lower arrow).
The round aluminum bottom inserts into the microscope stage to allow viewing of cells

(Reproduced with permission from Liu et al. [91])
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nonadherent layer. An external Ag/AgCl wire reference electrode was used for

amperometric measurements at +700 mV. Very rapid data acquisition allowed

well-resolved transient peaks to be observed from single cells in individual wells,

corresponding to quantal exocytosis of dopamine. Reusability of the devices was

demonstrated.

9 Conclusions and Future Directions

The past two decades have seen enormous progress in the fundamentals and

applications of electrochemical arrays with individually addressable elements.

We have considered applications to liquid-phase bioanalytical assays and sensors

in this chapter; however, many other applications exist. The timeline of array

element density is nonlinear: in some cases, particularly diagnostic screening,

inexpensive, targeted analyte detection/quantitation is desired, and paper (cellu-

lose) substrates have been introduced. In other applications, such as genomics or

proteomics, arrays with very large numbers and high densities of tiny elements are

very beneficial. Many arrays may be considered adaptations and/or miniaturizations

of common macroscopic high-throughput methods (e.g., multiwell microplate

ELISAs), but many are uniquely designed and fabricated with novel applications

providing creative impetus. Current and future array developments must consider

the intended applications of the devices, to determine the fabrication method(s), the

materials, the kinds of surface modifications of individual elements, any require-

ments for microfluidic and/or specialized instrument interfacing, and the reusability

or disposable nature of the ultimate devices. These considerations are all important

for the determination of capital (instrumentation) and disposable or reusable (array)

component expenses for complete assay systems, and are largely driven by assay

multiplexing requirements. The introduction of commercially available electro-

chemical arrays has been a limiting factor in the application of electrochemical

measurement techniques to biochemical and biological assays, and this is now

being alleviated with both smaller (e.g., 16 element) and much larger (e.g.,

12,544 element) arrays with their associated signal measurement devices. The

authors of this chapter are optimistic that the ready availability of inexpensive

electrochemical array systems will allow strong competition for bioassay applica-

tions in comparison with other common readout technologies (e.g., absorbance or

fluorescence) that require much more expensive components.
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Bioelectronic Tongues Employing

Electrochemical Biosensors

Manel del Valle

Abstract This chapter presents recent advances concerning work with electronic

tongues that employ electrochemical biosensors, that is, bioelectronic tongues.

(Bio)electronic tongues represent a new methodological use of (bio)sensors; they

start by the use of biosensor arrays and assume the coupling of the obtained

complex response with advanced chemometric data treatment; the goal is improv-

ing performance of existing sensors. Most of the bioelectronic tongues reported

employ enzyme biosensors, essentially based on potentiometric or voltammetric/

amperometric transduction. This report is organized considering the different forms

to incorporate biosensors, i.e. considering the number of biosensors in the array, the

number of different enzymes used, if the determination is aimed to substrates or

inhibitors, etc. Significant applications in real problem-solving, mainly in the food

and clinical or environmental fields, are commented.
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1 Introduction

ETs or electronic tongues are based on the usage of an array of sensors with

low-selectivity and/or cross-response features in order to obtain some added

value in the generated analytical information; the latter normally coupled with

advanced chemometric tools that allow the interpretation and extraction of mean-

ingful data from the complex readings [1]. Thus, ETs represent a different progress

line in sensor research; instead of focusing on finding highly selective sensors, ETs

are inspired and try to mimic the sense of taste in animals: in these, a few receptors

can respond to a large variety of substances, thanks to the combinatorial principles

used, and the obtained information be later processed by the brain [2]. Hence, ETs

prefer using low-selective sensors and extracting the sought information by use of

advanced data treatment. This coupling of chemometrics and electrochemical

sensors was already identified as one of the best ways to improve sensor perfor-

mance and already suggests a consolidated line of research in the electroanalysis

field [3].

In this chapter, I will focus on presenting advances concerning work with ETs

that employ electrochemical biosensors, that is, bioelectronic tongues (BioETs).

BioETs represent, in their turn, a new methodological use of biosensors; although

biosensors are supposedly highly selective, then providing easily the direct
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measurement, this case is largely utopian, and there are different distorting situa-

tions. Among these we can list the group specificity that widens the range of

responses, the interfering effect of other compounds or of the sample matrix, or

the different forms of activation and inhibition by third substances. The idea of

BioETs is then to couple existing biosensors with advanced chemometric treatment,

with the goal of improving biosensor performance, per example coping with the

inconveniences above. Most of the bioelectronic tongues reported employ enzyme

biosensors, essentially based on potentiometric or voltammetric/amperometric

transduction, although there are some few cases involving per example microbial

sensors, or protein receptors. When designing this chapter, there appeared different

ways to organize the existing research. There was a trivial, immediate way, which

was to use the transduction technique to present works done, but this was not

practical, as there is not much variety in use, as we will see later. There was a

second way to classify accordingly the enzyme/biological element used, but again

this was too straightforward to extract useful recommendations, with the risk of

long lists of essentially the same application and very little variants in between.

There was also the possibility of the type of application: i.e. identification/classi-

fication of samples, prediction of concentration of certain compounds, etc. This way

could be useful, and variety and scope of applications may be interesting enough,

although this would be more indicated for an application type report; it could be an

organization sharing its scheme also with the chemometric tools employed, what

would provide their double association, application/chemometric tool. At the end,

the way to organize the set or recorded works is by how the biosensor element(s) is

incorporated in the sensor array, in what it could be translated into array complex-

ity. As such, it was considered a way directly related to the experimental plan

underlying the research and can be very useful to show how a certain experimental

configuration may be used for different purposes and can help the reader in

preparing and developing new research with BioETs. In this way, there is the first

section dedicated to extraction of extra information when a single biosensor is used,

as the first instance showing most simplicity. This case, although not directly

pertaining to the BioET definition (a single biosensor is used), can be extrapolated

into when the biosensor generated a high dimensional signal, as this is the case with

enzyme voltammetric biosensors, wherever the complete voltammogram is used to

extract multivariate information. Next in complexity, the second considered case is

the use of one biosensor together with other sensors not of the biosensor type, in

general, a case where certain substrate(s) is determined with high precision from the

enzyme biosensor, and the rest of ordinary sensors are used to counterbalance any

interfering effect from the sample matrix of other species present. The most

complex situation corresponds to the use of different biosensors, probably with

different biological elements, and is the class with most interest and with the largest

amount of different application cases registered. Last, as a subclass of the latter

worth mentioning, there is the case of inhibition ET, where a set of different

inhibitors are identified or resolved according to different inhibition degrees pro-

duced into a number of different biosensors used.
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One reflection to be done when introducing the concepts and principles used by

BioETs is how this approach is biomimetic [4]. Nature clearly inspires these

approaches, and the combinatorial way of providing receptor diversity in the senses

of olfaction or taste (or even tactile) is the approach found by Nature to cope with

the immense need of differentiating thousands or even more situations. Biomimetic

principles are therefore used in electronic noses and electronic tongues, as the total

picture generated by the different (bio)sensors in the array is processed in parallel,

as our brain would do, to define a certain identification/perception. And although

there are attempts in which research is directed towards mimicking as close as

possible functioning and performance of human senses, I consider this, although

interesting and licit, a limited case goal, nevertheless being many other applications

to be imagined and attempted, specially from the bioanalysis focus.

It is clear there is the demand for fast and accurate identification and analysis

methods, specially to help in the development and quality control of food and

beverages. It is in this sole application where BioETs can be a clear alternative to

most of nowadays used analytical methods, as it is suggested in a recent insight

article in Nature journal [5]. Systems can be developed to specifically mimic the

human sensory experience or to reproduce the expert quality faster; for this aim, the

use of biosensors may provide more accurate signals than with the use of the

simplest sensors (e.g. pH, redox potential or conductivity), and these signals may

be translated in an automated system capable of a more objective, intensive and

tireless use. Such BioET systems may be of great help for food producers and

commercializers, to assure its quality and to provide its standardization. And this

may be possible for human-consumed products but also for pet food or animal feed,

also in search of better products, where the important point is still to gather together

the accumulated experience of the specialist.

It is also a must reminding the reader that initial approaches within the field, i.e.,

all the conceptual generation of ETs, is now a couple of decades old, even, the

employ of biosensors is quite younger. All the initial developments and evolution in

the field can be extracted from different review papers from the main laboratories

doing research within the field, as there are around 600 important published works

to comment. As such, there is one of the founding groups, that of Legin, in

St. Petersburg, mainly working with potentiometric sensors [6], or the group from

Wroblewski in Warsaw, also mastering work with potentiometric sensors, specially

in flow-injection (FIA) systems [7]. It is worth mentioning also a group now in

different laboratories in Brazil, specially dedicated to micro-/nanotechnologically

engineered sensors [8], or the group from Tokyo in Japan, mainly devoted to the

artificial taste developments [9]. In the case of our laboratory in Barcelona, we are

widely known for our versatility and variety of options. Displaying previous

successful background for some decades in the work with different technologies

of electrochemical sensors and biosensors, we can take advantage of the experience

with potentiometric, voltammetric, impedimetric sensing and biosensing, providing

in this way most of the available technology to develop ETs and BioETs [10].

Concerning the term bioelectronic tongue (BioET) [11], we can cite the first

usage in the work by Tønning et al., where an array of different amperometric
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biosensors were used to characterize type of wastewaters [12], and a contribution

from our laboratory [13], where we performed the multivariate analysis of a

mixture of phenolic compounds from the voltammetric response of a tyrosinase

enzyme biosensor, both in 2005. As already defined, the idea behind the BioET is to

use biosensors in a multiplex mode, with each biosensor recognizing one analyte or

a certain group of analytes, and then use advanced computational methods in order

to get an accurate characterization of the sample.

In our laboratory, the first ideas of BioETs were later expanded to

multicomponent resolution of diverse ions plus urea in the food/clinical application

by use of potentiometric urease biosensor [14]. The ions resolved were the ones that

would be interfering in the potentiometric urea biosensor, chosen for transduction,

e.g. NH4
+, Na+ and K+. This application signified a complement of existing research

in the field; apart from searching for methods to physically separate interfering

species away from the biosensors, which were the general trend, the idea was to

measure all species intervening and mathematically compensating its presence.

Also, a very significant contribution from our laboratory in the research with

enzyme containing sensor arrays has been the resolution of compounds, in this

case pesticides from different families and from different inhibition patterns shown

by enzymes with slightly differentiated activity, depending from their natural

source and natural variability or by artificial intervention, e.g. using enzymes

genetically engineered [15, 16].

1.1 Types of Biosensors Used in the Array

The total number of works in the literature that employ one or several biosensors in

the array in order to operate like an ET is slightly below one hundred (search

performed on July 2015), whereas there are approximately 600 works related to the

more generic one. From these, practically all of them employ electrochemical

techniques as transduction variant, and also, practically all of them use enzyme

elements in the design of the biosensor.

When the types of sensors used are scrutinized in more detail, one finds a curious

peculiarity (see Fig. 1). In the generic field of electronic tongues (ETs), most of the

works collected (ca. 50%) use potentiometric sensors, that is, ion-selective elec-

trodes (ISEs), to design the analysis system. This share is followed by ETs using

voltammetric and conductimetric (bio)sensors, while other transduction principles

like optical or gravimetric sensing are minoritary. Curiously, this scenery changes

completely in the case of BioETs, showing a maximum contribution by

voltammetric (bio)sensors, followed by potentiometric and mostly a testimonial

presence of other transduction schemes. Obviously this global pattern is mainly

determined by the preferred choice of enzyme-modified electrodes with

voltammetric transduction principle, as the most preferred biosensor for its incor-

poration in BioETs. Probably this choice is also justified by the wide diffusion and

knowledge of amperometric enzyme sensors and also by preferred usage of redox
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enzymes in their construction, given they are the ones directly converting turnover

into current, i.e. directly observable analytical signal.

In any case, when observing the evolution timeline, first works that are worth

mentioning are potentiometric sensors, and only after first attempts with

ion-selective electrodes and enzymatically converting systems are voltammetric

types found. This progression also follows the timeline of ETs, as there were the

ones using the potentiometric sensors the ones first proposed and developed, and

only after a few years, the first voltammetric electronic tongue was reported [17].

1.1.1 Potentiometric Biosensors

It was down to 2002 that Magalhaes proposed, within the Machado laboratory in

Porto, Portugal, the use of an array of potentiometric sensors to alkaline ions

together with two creatinine biosensors for the determination of potassium and

creatinine in urine [18]. The biosensors used creatinine iminohydrolase enzyme

(E.C. 3.5.4.21), a hydrolytic enzyme that converts creatinine into ammonium, and

transduction was achieved through detection of the formed ammonium through an

ammonium ISE. Interferents to the latter, both any ammonium initially present or

alkaline ions, were counterbalanced through measurement from ISEs to ammo-

nium, sodium, potassium and calcium. Estimation of concentrations was achieved

through partial least squares (PLS) calculation. Although it will be commented in

more depth in Sect. 2, it should be mentioned that PLS is a multivariate linear

regression method, in which only a part of transformed original variables are used.

Later, the same idea was applied to determine urea in blood serum [19]. The

system was formed by two urea biosensors, obtained by immobilization of urease

enzyme (EC 3.5.1.45) onto ammonium-selective membranes, plus ISEs for

% of publications
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Fig. 1 Share of the transduction technique used for the sensors forming the BioET (clear bars)
versus the situation in normal ET systems (dark bars). Data obtained from the literature search on

the period 1996–2015 using SCOPUS database (Elsevier)
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ammonium, sodium and potassium, which were the most interfering species in the

considered case. Our laboratory contributed with complete application research

examples, first in the determination of urea [14] and next with two-enzyme bio-

sensors, urease for urea and iminohydrolase for creatinine [20]. The first potentio-

metric BioET in Barcelona was then designed employing an array formed by two

urea biosensors based on urease enzyme covalently linked to carboxylated PVC,

along with ISEs for H+, K+, Na+, NH4
+ and cationic generic response. Biosensors

were optimized in detail, in order to get the maximum stability of response, and this

was obtained through covalent immobilization onto carboxylated PVC, a polymeric

matrix also employed for the ammonium ion transducer. In this example, we used

artificial neural networks (ANNs) to build the response model, as the preferred

chemometric tool in our laboratories. An ANN is a massively parallel data

processing technique, very much resembling an animal brain. ANNs are composed

by processing elements called nodes or neurons, plus their interconnections (known

as weights), and have been shown to be especially effective for modelling complex

nonlinear problems. Response models were also built employing partial least

squares (PLS) for comparison purposes, showing slightly better prediction capabil-

ities for ANNs, especially at the lower concentration limits. This result is particu-

larly significant due to the better performance of the ANN modelling at the

nonlinear response regions, given PLS is more dependent on the linearity of the

data. Figure 2 depicts how to build the quantitative response model using the ANN,

with the data from the ISEs as departure point; the concentrations of the sought

species are provided, together with the concentrations of the interferent species that

were measured and modelled. With this array, it was possible to determine urea in

clinical samples without the need to separate endogenous ammonium or the inter-

fering ions sodium and potassium, all them normally present in clinical samples. In

the same progress line, the system was enlarged with an additional potentiometric

biosensor employing creatinine iminohydrolase to determine urea, creatinine and

alkaline interferents. Such a BioET is ready at the moment for its clinical applica-

tion in studies of renal function or the monitoring of haemodialysis processes.

1.1.2 Voltammetric Biosensors

The voltammetric technique which measures a current intensity originated by a

redox process at an electrode polarized at a certain potential is an interesting

analytical technique for identification and determination of chemical species,

whose only condition is that they must be electroactive. The exact potential applied,

and the form it is done (through linear sweep, AC, square wave, differential pulse,

etc.), determines the analytical signal that is generated. Depending also on the

nature of the electrode utilized, different electroactive compounds may get oxidized

or reduced with a certain current, which can vary significantly when catalytic

processes appear within the electrode surface or, alternatively, when overpotential

comes out. Normally, voltammetry shows high sensitivity, being able to detect

compounds below the ppm level; however, the selectivity is not so good, as many
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electroactive compounds will react if the potential applied is sufficiently extreme. A

second positive feature for our bioanalytical interests is that voltammetry can utilize

easily redox enzymes as catalysts in electrode processes, obtaining in this way

enzyme biosensors of the voltammetric type (when the technique utilizes a scan of

polarization potential) or of the amperometric one (where the difference is that the

applied potential is kept constant at certain fixed value). One existing objection may

be that current measured at a certain potential is due to the sum of all the

compounds present that are electrochemically active below the applied potential;

this drawback degrades the overall selectivity of the technique but also assures the

cross response needed for the ET concept. On the other hand, an important

characteristic of ETs using voltammetric sensors is that their measured information

is normally a vector for each sensor used, what converts the data treatment in a

highly dimensioned calculation, which can be difficult to overcome.

First voltammetric ETs were devised at Link€oping laboratories in Sweden, by

Prof. Winquist and coworkers [17]. They essentially built arrays by joining a

number of disc electrodes made of different metals, mostly of the noble family.

Pieces of metal wire of ca. 1 mm diameter, made of gold, iridium, platinum,

palladium, rhenium, rhodium or other metals, were then encased in a single body

and formed a multiple channel voltammetric cell, together with an auxiliary and

reference electrode. Applied potential was a second factor to originate different

signals in a certain application, and experimenters may vary this from a single

linear sweep, cyclic voltammetry, normal pulse, differential pulse, square wave,

etc. Especially for the latter waveforms applied, recorded signals may be extremely

complex, with important information contained in the time transients recorded.

Apart, a high dimensionality situation is normally originated, as any voltammogram

is formed by a vector with a large number of measures. Even, taking into account

that several voltammetric sensors will be used in a given application, a multiway

dimension problem originates, in which a 3-D data matrix (current x electrode x

potential) is generated. Solutions to cope with this problem pertain to the

chemometric part, to be commented in the next section.

Our laboratory also contributed in these aspects of ET research, first by

chemometric analysis of linear sweep signals originated at a carbon electrode,

where ANNs were the preferred tool for signal treatment [21]. Figure 3 sketches

the signal processing approach, applied per example to resolve mixtures of phenols

with environmental relevance: o-cresol, p-chlorophenol and 4-chloro-3-

methylphenol. Quickly we realized that interesting applications could be derived

from existing voltammetric biosensors, in order to improve the analytical features

of determination. With this idea, a tyrosinase biosensor was prepared immobilizing

enzyme in an equivalent epoxy–graphite biocomposite, and the multicomponent

determination of phenol, catechol and m-cresol was achieved at the μM level [13]

with better detection limits, linearity and recoveries vs. the ET.

152 M. del Valle



1.1.3 Other Sensors

Other electrochemical biosensors may be utilized for the design of BioETs; mainly

one can think of using conductimetric and/or impedimetric enzyme-based biosen-

sors that might be utilizable as the others above. However, there remain the fields of

optical sensing and gravimetric sensing (employing quartz crystal microbalance,

bulk or surface acoustic wave devices), two fields rarely used up to now in

conjunction with biosensors. [10]

1.2 Chemometric Tools

As Pravdova already stated in his review paper [22], nowadays it is rather straight-

forward the possibility of working with multivariate data in electroanalysis. Modern

potentiostats generate easily voltammograms with different electroanalytical vari-

ants; electrochemical detection coupled to high-performance liquid chromatogra-

phy (HPLC) or capillary electrophoresis (CE) provides without much effort 1-D

and 2-D data. And the bioinspired way to do this is by the use of an array of

non-specific sensors, responding to primary ions and interferents, coupled with the

multivariate chemometric treatment of the complex data to extract the different

components present, the ET approach. In these conditions, there is a need for data

treatment methods, especially of multivariate data analysis. Chemometric methods

used are essentially identical to the methods already used for artificial olfaction or

electronic nose systems [23]. The purpose of the processing tool differs depending
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Fig. 3 Simple scheme of
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on the application, as this can be from identifying a chemical species or determining

its concentration without having to eliminate interferences to quantifying them at

all. Key points are that the multidimensional generated data have to comprise the

needed information about the system and that the high-order data have no colin-

earity (thanks to the cross-sensitivity assumption). In cross-response conditions,

practically all the sensors used in the array may respond to all analytes; the amount

of generated data can be large and highly complex, which must be processed using a

multivariate calibration approach. Especially, if each individual sensor generates

high dimensional data (e.g. a vector in the case of a voltammetric sensor), final data

to process can be multiway; that is, a 3-D matrix (or tensor) of (current x sensor

x potential) that must have in correspondence the identification of a variety, or the

estimation of the concentration of chemical species. Chemometrics is in charge

then for the extraction of significant features and for the transformation of these into

the sought information. Curiously, this is in coincidence with nowadays trend of

finding hidden trends in current data, forming consumer habits to forecast new

trends, what has already been named big data analysis. In fact the tools for finding

these hidden trends, or to identify specific situations, are also in common with those

used in ETs; in a way, BioETs perhaps may be explained like a big data treatment of

biosensor measurements.

Researchers in the field have presented, in specific reviews, the state of the art of

chemometric methods amenable to be used with ET systems (or BioETs).

[24]. Obviously , chemometrics still form a significant part of ET research [25],

particularly when the issues involved are artificial intelligence, among others the

work with ANNs, or the multiway data treatment in the cases of highest dimen-

sionality [26, 27]. As already commented, 3-D data can be easily generated (e.g. in

multichannel voltammetry, current x sensor x potential); even systems with 4-D

data can be already envisaged (transient response in flow systems or in HPLC,

current x sensor x time x potential), which poses greater requirements to the data

processing in ET and BioET applications.

Figure 4 summarizes the most frequently used chemometric tools in the devel-

opment of BioETs in comparison with those mostly used for generic ET systems.

This comparison is made by scrutinizing the data treatment details of the different

articles found in a literature search by SCOPUS. Curiously, the tools most fre-

quently used in BioETs are somewhat more sophisticated (e.g. ANNs) than those in

ETs, where a simple principal component analysis (PCA) or linear discriminant

analysis (LDA) might be sufficient. This also suggests that applications related with

BioETs can be more elaborated in average and may be conducted by more expe-

rienced laboratories than those of ETs, normally simpler in design, in the sensing

elements and also in the data treatment.

About the different data processing tools used with electronic tongue systems,

albeit being one of their chief parts, a detailed description is out the scope of this

paper, but they will be just mentioned here; a proper exposition can be consulted in

specific reviews [23, 24]. Basically, for readers not familiar with chemometrics, it

can be stated that certain processing algorithms are more indicated to identification/

classification purposes, such as principal component analysis (PCA), and are
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therefore used for qualitative applications. Other procedures, for example, regres-

sion using partial least squares (PLS), are specially devised for quantification

purposes and mainly used for multidetermination applications.

Most of the mentioned chemometric variants are conventional pattern recogni-

tion techniques, mainly linear in nature, which can be somehow limited if the

sensors considered show nonlinear response trends. In our experience, we are

specially in favour on the use of ANNs, which is a massively parallel computing

technique, especially suited to nonlinear sensor responses and very much related to

human pattern recognition. ANNs can be devised for quantitative modelling and

also as classifiers in pattern recognition applications. An interesting chemometric

tool of recent use in electronic nose/electronic tongue applications is support vector

machines, a radically different type of “machine learning algorithm” with high

identification/classification capability.

An additional stage in the data treatment can be the data pretreatment, which is a

necessary step in the high dimensional case. Voltammograms, for example, can be

compressed to facilitate their treatment by Fourier transforms, or Wavelet trans-

form, even by simple PCA, in order to extract significant information prior to

modelling, in a procedure similar to MP3 compression of digital audio. Data

reduction is accomplished through domain transform, in a way that only significant

information is kept and original content can be reduced to ca. 10% or less of data

space, in a step that also can be useful to reduce the data dimensionality. If the latter

is to be faithfully preserved, recent multiway methods may be also applied in the ET
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Fig. 4 Different chemometric tools used in the development of BioETs (clear bars) in compar-

ison with those mostly used for generic ET systems (dark bars). PCA principal component

analysis, LDA linear discriminant analysis, ANN artificial neural network, PLS partial least

squares, PCR: principal component regression, k-NN k-nearest neighbours, MCR multiple com-

ponent regression. Data obtained from the literature search on the period 1996–2015 using

SCOPUS database (Elsevier)
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data treatment, such as PARAFAC in the qualitative applications or nPLS in

quantitative modelling. Particularly useful for researchers in the field are some

comparative studies in which different methods may be contrasted to see which one

may show better performance [28].

One of the problems that may occur in the development of the classification rule

or the response model is called overfitting. All these chemometric algorithms need a

first learning stage normally named training, in which a number of known calibra-

tion samples are used to deduct the rule or the model. Overfitting occurs when the

model developed is forced to reproduce the training set to its minimum details, but

when new data is presented to the model, large errors are obtained. The overfitting

concept means that the model/the rule has been forced to a limit where it has

memorized the training examples, but the generalization to new situations is

incorrect. In practice, the recommended method to avoid overfitting is to use

additional subsets of data, so any bias or corrupt learning can be detected and

avoided. This subdivision of data is sketched in Fig. 5: the first subset is used for

calibrating or training the model, the second (validation set) is used to check if

overfitting is taking place (detected as an increase in the validation error) and the

third (the external test set, or the prediction set) is used only to compare perfor-

mance between different models. This is known as cross-validation and it is the

recommended way to compare the performances of different predictive modelling

procedures. Cross validation involves subdivision of the data into complementary

subsets, obtaining the model from one subset (called the training set) and validating

the prediction ability on the other subsets (which can be the validation set or the

external test set). In this way, an unbiased verification of the generalization capa-

bility is obtained. To assure independence of results from subdivision of the data,

multiple rounds of cross validation can be performed using different partitions and

validation results are averaged over the rounds. Latest recommendation in the field

suggests also that a fourth data subset for optimizing the model configuration

should be used, so the final selection of the model is completely independent of

training, validating, or even fine-tuning of their characteristics. All these precau-

tions produce high experimental requirements in generating/acquiring big amounts

Fig. 5 Subdivision of the

sample set in the different

subsets recommended to

prepare the training process

of an ANN model
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of data, the only way to assure completely unbiased results, a must especially for

biomedical applications.

These precautions can be highly demanding especially when working with

ANNs, as a second recommendation to avoid overfitting is to use a large number

of samples to develop the model, at least 5 times the number of connecting weights,

according to experts in the field [29]. This is in analogy to curve fitting of a

polynomial of grade n, in which results are statistically significant only if there

are more than (n+ 1) points available. All this poses a high demand in the gathering

of samples, as quickly the number of desirable samples may rise to one hundred or

more, a limiting situation for many applications and a precaution rarely followed by

researchers nor reproached by reviewers. Generating the complete set is done by

experimental design schemes, viz., a factorial design or others, or by complete

random generation of values for the calibration samples. When working with ETs

of sample varieties (juices, wines, an intermediate industrial product, etc.), it will be

needed to bring some reference value (the target or a parallel analytical determi-

nation) in order to build the training set, or a set of examples generated by

accumulated microadditions of certain standards in a predefined background.

1.3 Type of Applications

The use of sensors in array mode is becoming every day more usual, as it leads to

certain advantages. First, using sensor in arrays provides multicomponent data at

almost nil effort. Other laboratory stages can be shared together, and finally the only

need is to bring the prepared sample to the different sensors and to get a multiplex

analyte determination. This is easy task when the sensors used are selective and no

interaction is present. If the latter is manifest, a multicomponent data processing

can be applied which will make possible the interpretation of complex composi-

tions, the resolution of mixtures, the deconvolution of the contributions from

primary species and their interferents, to counterbalance any matrix effect or,

even, to distinguish between spurious responses and the true ones. It may be easy,

or it may be extremely complex, but with enough and rich biosensor information,

and the proper chemometric treatment, all these demands can be fulfilled. An

additional reason for the popularization of sensor arrays may be due to the avail-

ability of multichannel electrochemical instrumentation, probably installed in a

laboratory PC, making the storage, visualization and processing of complex data

easier each day. Even we may envisage a personal use of such systems, relying on

the ubiquitous cell phone, with adequate transduction capabilities and enough

computing power to make possible a handheld analysis for identification or diag-

nostic purposes.

Concerning the type of applications that can be performed with (bio)sensor arrays,

there are different types, and these may be closely related to the experimental

procedure on how are the biosensors arranged. If the array is formed by equal sensors,

the type of functionality we may obtain is to gain confidence by redundancy, or to

map a certain species in concentration taking profit of the spatial resolution provided.
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These two applications are specific when equal sensing elements are used, positioned

in a single point or distributed in space. Mapping can be at micrometric or geograph-

ical region scale, depending on how the sensors are deployed.

As for other enzyme electrodes, let’s consider the glucose biosensor as one of the
frequent case examples. In it, the lack of specificity for glucose limits its practical

applications. This is normally caused by the fact that voltammetric signal is

observed at quite high potential; then other oxidizable species present in the sample

may be interfering in the final voltammetric signal. The use of the glucose biosensor

in conjunction with additional sensor elements may constitute a way to counterbal-

ance these matrix effects. Then, the first potential use of biosensor arrays is the

coupling of one biosensor with additional sensors, (i.e. all the sensors in the array do

not need to be necessarily biosensors); the goal, counteracting interfering effects

from other components present (which need to be also measurable) or from a matrix

effect. In fact, prior to the BioET concept, this strategy was simply the use of

differential measurements to counterbalance any effect not unique to the employed

biosensor.

Coupling biosensor responses with chemometric tools can be used to solve

complex analytical signals from mixtures of species with similar properties; in

the case of biosensors, particularly this makes possible the determination of group

specificity substrates – resolution of mixtures of compounds, for which the biosen-

sor presents a slightly differentiated response, or, alternatively, the estimation of

global indexes. Examples of this situation are the possible differentiation of differ-

ent alcohols of short carbon chain from alcohol dehydrogenases or oxidases; the

second is the oxidation of different phenolic compounds catalysed by tyrosinase

(or laccase) enzyme biosensors. This type of application may be developed by

multicomponent analysis of a single biosensor signal, if this is of high dimension-

ality; this may be the case of chemometric treatment of a voltammogram obtained

from a single biosensor. Although this may not be exactly a BioET, as only one

sensing device is used, all the remaining parts of the application are in common.

Some typical applications in the ET or BioET field consist of the identification or

qualitative differentiation of types of samples that can rely on the cross response

exhibited by using different (bio)sensors in parallel, or even in their specific

measurement. Identification of food varieties, especially beverages, is a typical

application in this subsection: wines, beer, juices, honey, milk, etc., can be the

target of the determination. Also the qualification/classification of polluted waters

and wastewaters is another recurring case.

These systems can be extrapolated to an interesting possibility, which can be

termed the software sensor. In this situation, there is a need of information from

certain species or condition whose sensor is unavailable; in the absence of any other

possibility, one can combine the information from a number of (bio)sensors and try

to correlate the generated information with the target needed to be detected. This

indirect methodology that may succeed or not can be suited for complex analytical

determinations (e.g. organic matter) or for those of general nature, such as toxicity,

caducity, degree of maturity, etc., and obviously is forced by the need of a quick,

automated generation of chemical information to diagnose or forecast important

situations (e.g. an algal bloom).
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Finally, if the biosensor considered experiences inhibition by a substance or

group of substances, and a cross-response condition can be achieved, the

multicomponent resolution of the set of considered compounds might be devised.

For this objective, one may rely on the use of slightly different inhibited enzymes

depending on the natural variability of different animal or vegetal species. Or,

alternatively, one may use genetically engineered enzymes, in which specific

changes on activity or inhibition have been procured.

On Table 1, I have summarized the type of usage of the biosensor in a BioET,

cross-linking this information with exact enzyme used in the bioanalytical

approach. Apart of serving as a quick glance on the variety of biosensors consid-

ered, it also will permit visualizing how the most habitual enzyme biosensors in

diagnostics and analysis, (such as glucose oxidase, GOx, or urease), are also the

ones showing more variants in their use in arrays and in BioET systems.

2 Systems Using a Single Biosensor

Although the use of a single biosensor would not form a true bioelectronic tongue, it

can be the case (when the biosensor used is voltammetric type) that the high

dimension (vector) of the measured signal may make possible the use of

Table 1 Application of different enzymes of analytical use in BioET systems

Enzyme

One single

biosensor

One-enzyme

biosensor in the

array

Several enzyme

biosensors in the array

Inhibition

BioET

PPO X X

Laccase X X

Tyr X X

GOx X X X

Creatinine

iminohydrolase

X X

Urease X X

Amine oxidases X X

Mutarotase X

Invertase X

β-Galactosidase X

Peroxidase X

AChE X X

BChE X X

CDE X

ADH X

AOx X

Phosphotriesterase X

Sarcosine oxidase X

PPE X
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multicomponent data treatment; this can be considered completely a precursor of the

considered BioETs. Initially, we would be considering a multivariate determination

of a number of substrates of a wide-specificity enzyme system, whereas the departure

information would be the voltammogram. Typical chemometric procedures to

develop the multivariate response model would be PCR, PLS and even ANNs.

In a first research, again originated in our laboratory, we planned the resolution

of phenolic compounds from the information-rich voltammogram originating in an

amperometric biosensor using polyphenol oxidase (tyrosinase) enzyme, as it has a

characteristic that shows differentiated response for different diphenols [13]. The

idea came after performing equivalent research but using a non-enzymatic

voltammetric sensor, and the resolving of the three compounds mixture was

attempted using ANNs.

The use of ANNs in phenolic compound quantification had been reported [30],

but this is still a hard problem to be solved. This kind of determination commonly

uses enzymatic reactions combined with amperometric detection of the resulting

product. For phenolic compound determination, polyphenol oxidase (also known as

tyrosinase) is used as the enzymatic recognition element [31]. This enzyme catalyses

the oxidation of phenolic compounds into the corresponding o-quinones. This is

accomplished in a two-reaction scheme, as long as tyrosinase first oxidizes phenols

into the corresponding catechols, and afterwards, these catechols are reoxidized into

o-quinones. Amperometric reduction of the generated quinones is then used as the

quantification method, by simply applying reduction potentials. Reduction poten-

tials for this process are close to 0V, a great advantage, as few substances interfere at

this potential. Nevertheless, and because of the similarity in the produced quinones,

amperometric signal overlapping in the reduction voltammograms is high. This fact

transforms the quantification problem into a chemometric case study that ANNs can

solve. Our performed work consisted in the quantification of mixtures of three

phenolic compounds, viz., phenol, catechol and m-cresol, and the use of ANN in

order to deconvolve the contribution of each analyte in the voltammogram. The

resulting calibration permits the development of a BioET capable of quantifying

these three pollutants in waters of environmental concern. The performance

achieved with the BioET system can be observed in Fig. 6, where the predicted
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values were compared against the expected ones, for the external test subset, those

samples not intervening at all in the training of the ANN model.

The same idea has been subsequently reproduced in determining polyphenolic

compounds in olive oil mill wastewater, as the generic index [32], or in the

resolution of majoritarian compounds, caffeic acid and catechol [33], in this case

from the similar behaviour shown by laccase enzyme, in its response to the group of

compounds.

A related electrochemical biosensor based on the immobilization of laccase on

magnetic core-shell (Fe3O4-SiO2) nanoparticles was combined with ANNs for the

determination of catechol concentration in compost bioremediation of municipal

solid waste. Catechol concentration could be determined between 0.75 μM and

0.44 mM [34].

In another biosensor construction variant, an enzyme electrode based on tyros-

inase immobilized with ordered mesoporous carbon-Au (OMC-Au), L-lysine mem-

brane and Au nanoparticles (tyrosinase/OMC-Au/L-lysine/Au) was combined with

ANNs for the simultaneous determination of catechol and hydroquinone in compost

bioremediation of municipal solid waste [35]. Limits of detection achieved were

below 1 μM, demonstrating this is an appropriate tool for the quantitative study of a

composting system.

As a variant to these ideas, a different work related to the use of a glucose

biosensor and the chemometric treatment of the whole voltammogram to correct the

effect of interfering species was developed by Torrecilla and coworkers. They

reported an amperometric glucose biosensor based on a colloidal gold – cysteamine

– gold disc electrode with the enzyme GOx and a redox mediator, tetrathiafulvalene

(TTF), co-immobilized atop the modified electrode that was used for the simulta-

neous determination of glucose and its common interferences, ascorbic acid and

uric acid, in three-component mixtures [36]. The redox mediator TTF was used to

improve selectivity by decreasing the potential of detection. Analytical data

obtained from cyclic voltammograms generated with the biosensor were processed

using ANNs, and the separate quantification of the analytes over a range of

0.1–1 mM each was performed without any sample pretreatment. Achieved

predicted errors for the three analytes were below 2%. The referred example

illustrates how the BioET approach allows for a more accurate determination of

the sought component, and that with the same effort, it allows also for the deter-

mination of the interfering species.

To summarize these ideas, the different examples mentioned have been incor-

porated in Table 2, where the different enzymes used and analytes determined can

be quickly visualized.
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3 Biosensor Arrays Incorporating One Enzyme

In the next step of complexity, and also in the proper conceptual idea of BioETs, I

will include the design of analysis systems with biosensor arrays incorporating

one-enzyme biosensor and, as the rest of sensors in the array, conventional type

potentiometric or voltammetric sensors. With this conceptual design, the applica-

tion normally performed is the determination of a specific substrate or group of

substrates in presence of interferents.

For the case of potentiometry, one has to remind that biosensors rely on an

enzyme converting substrate into a measurable ion, next detected by the appropriate

ISE. The disappearing of a particular ion involved in a catalytic enzyme process

might be useful also as the measure principle, only there is not any case to

consider here.

For the case of voltammetry, the normal case is a substrate directly consumed in

the enzyme reaction or, alternatively, a product, any of the two electroactives; then

its appearance (or disappearance, depending on the case) can be related to the

enzyme activity.

3.1 Potentiometric Systems

The typical potentiometric BioET utilizes a sensor array with one-enzyme biosen-

sor, and additionally it incorporates ion ISEs to counterbalance interference

presented by related ions.

The first system, devised in the University of Porto, Portugal, was a sensor array

for the measurement of creatinine in urine [18]. It consisted of a creatinine

iminohydrolase enzyme immobilized by entrapment using a chitosan membrane

onto a nonactin ISE. Catalytic hydrolysis by the enzyme generated ammonium ion

which was then directly detected. The system was completed with ISEs for ammo-

nium, potassium, sodium and calcium which allowed to correct for any endogenous

ammonium (by the first ISE) or for alkaline and alkaline-earth interference in the

ammonium-based biosensor (the other three). Linear response ranges were between

0.1 and 10 mM, what permitted the resolution of the multicomponent determination

by PLS method. Comparison with reference Jaffé method showed a satisfactory

correlation, although the slope of obtained vs. reference values was rather low; the

obtained value was 0.87, whereas theoretical value should be 1.0.

In a second system reported by the same laboratory, a sensor array incorporating

a urea biosensor was proposed for the determination of urea in blood serum

[19]. Similarly to the previous case, the urease enzyme was immobilized employing

BSA and glutaraldehyde onto an ammonium ISE, taking profit of the appearance of

ammonium product after the enzyme hydrolysis of urea. As before, the array was

complemented by ISEs for K+, Na+ and NH4
+ with the idea of counterbalancing any

interference by alkaline ions. Authors achieved correct prediction of urea and

potassium, not sodium or ammonium initially present. Correlation and prediction
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errors were satisfactory in front of results from the clinical analysis laboratory when

calculations were performed by PLS.

This idea was retaken later in our laboratory in a four species multidetermination

approach [14]. First, we studied in detail different methods and performance for

urea biosensors, selecting a covalent immobilization of urease enzyme onto car-

boxylated PVC, which also acted as polymer matrix to form the ISE membrane.

The array was completed with ISEs selective to NH4
+, K+ and Na+ plus H+ and one

ISE of generic response to alkaline ions. The determination of the four species was

attempted by PLS and by ANN, which provided slightly better results, especially at

the lower concentrations. The method was applied and validated in multiple

analyses in urine, at concentrations down to 0.1 mM and without the necessity of

eliminating the alkaline interferences or compensating endogenous ammonium.

Figure 7 schematizes the approach followed for the four-analyte

multidetermination performed with the potentiometric BioET in urine.

This topic is of evident interest, given these are frequent analyses specially in

clinical laboratory and in patients related with renal malfunction. Other authors

have been doing similar contributions, having in mind an easy and efficient

analytical approach during haemodialysis [37].

3.2 Voltammetric Systems

The BioET formed by voltammetric biosensors starts with the idea of using an array

of electrode biosensors formed by different catalysts and different modifiers with

the same enzyme. The different catalysts/modifiers introduce the differentiated

response of each electrode; in this case, all of them will present signal for the

primary substrate, only with different shapes or appearing at different potentials,

depending on the catalysis or modification of the electroanalytical signal. With this

idea, our laboratory contributed with a first work in which different biosensors

incorporating glucose oxidase (GOx) were prepared with different metallic cata-

lysts, as platinum microparticles or mixture of gold/platinum microparticles, as the

way to induce a differentiated response [38]. In Fig. 8, an image of the biosensing

device integrating the three epoxy–graphite containing GOx biosensors can be

appreciated. The device was tested in the joint determination of glucose and its

frequent interferents in biological fluids, ascorbic acid and uric acid, with usage

integrated in an automated SIA system for proper automation of operation. Figure 9

displays the achieved performance with the external test set, where the predicted

values are compared against the expected ones, and satisfactory behaviour, with a

fitted comparison line with 1.0 slope and 0.0 intercept, demonstrates successful

performance.

The way to obtain the cross response is through the different catalysts that

modify the voltammograms by different mechanisms producing slightly varying

signals. Of course, for the proper functioning of the approach, the underlying

condition is that signals used must not be co-linear, that is, must not be proportional

one from the other. If this were the case, the system would be ill-behaved, in the
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manner as in the resolution of a linear system of equations; in there, as we know

from university algebra, if one equation is linearly dependent from the others, then

the system cannot be solved. Equivalently, if the signals produced by the sensor

array are linearly dependent, because one sensor is then producing duplicated,

non-original information, therefore the possibility of resolving the system is jeop-

ardized. As a recommendation for the reader interested in diagnosing when such a

situation is present, the recommended way is to check the trilinearity of the data; for

this, first, it is recommended to unfold the three-space data matrix into conventional

row� column matrix and to check the singular value decomposition after normal-

ization [39]. This has to provide equivalent number of significant factors to describe

the data, independently of the direction chosen to unfold the data (row, column or

third direction).

This idea with GOX was retaken recently by Al-Issa et al. [40]; in their work,

they prepared a BioET immobilizing the enzyme over Au or Pt disc electrodes. The

Array of biosensors 
and ISEs

PLS

ANN

Training

Calibration

[Urea]

[NH4
+]

[K+]

[Na+]

Fig. 7 Conceptual scheme of the BioET to determine urea in presence of endogenous ammonia

and alkaline ions, as interferents in the multidetermination application in clinical samples

C

C/Pt

C/Au/Pd

Fig. 8 Image of the three-sensor array with GOX and different modifiers/catalysts as a simple

mean to induce differentiated response
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determination of glucose in the presence of their common interferents, ascorbic

acid and uric acid, could be successfully determined at the 1 mM level, while

interfering species were quantified at no extra effort.

In 2012, in a work from the laboratory of Mari Luz Rodriguez-Mendez in

Valladolid, they conceived an array of biosensors for measuring phenolic com-

pounds, in which the differentiated response was derived from an array of tyrosi-

nase electrodes, furnished each one with a different metallic phthalocyanine

catalyst. This system was applied for the evaluation of changes that occur during

the aging of beers. The features extracted from the cyclic voltammograms were

used to perform principal component analysis (PCA) and linear discriminant

analysis (LDA). Data have revealed a clear discrimination among the beer classes

in the aging process [41].

Searching the scientific literature, one can find also the use of biosensor arrays

formed by the same enzyme electrode, in this case intended for redundant analysis

of certain compound. Redundant microsensor arrays for glucose sensing were

fabricated using photopolymerization of poly(ethylene glycol) diacrylate

(PEG-DA) with 2-hydroxy-2-methyl phenyl-propanone as photoinitiator to encap-

sulate the enzyme glucose oxidase. Silicon microfabrication technologies were

used to fabricate microelectrode sensor arrays on flexible polyimide sheets. These

microarray sensors were individually addressable as observed using square-wave

voltammetry. Redox polymer, poly[4-vinylpyridine Os(bipyridine)2Cl]-co-

ethylamine, was first immobilized on the electrode surface and then GOx was

entrapped in PEG-DA hydrogels. The redox polymer was found to exchange

electrons with glucose oxidase in biocompatible PEG-DA hydrogels. The

entrapped GOx was found to respond linearly to glucose in solution (0–20 mM)

as determined using square-wave voltammetry. The array of devices, as it can be

observed on the image of Fig. 10, was then used for concentration mapping of

glucose, in this case to study its distribution in tissues, with special interest in

resolving interstitial concentrations from the intravascular values [42].

Fig. 10 Redundant glucose

biosensor array devised for

the interstitial

determination of this sugar.

Reprinted from [42], with

permission from Wiley
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té
s
et

al
.

G
lu
co
se

o
x
id
as
e

V
o
lt
am

m
et
ri
c

G
lu
co
se
/

0
.5

m
M

A
sc
o
rb
ic

ac
id
/

2
0
m
M

–
L
ab
o
ra
to
ry

st
an
d
ar
d
s

[3
8
]

G
u
ti
ér
re
z
et

al
.

U
re
as
e

P
o
te
n
ti
o
m
et
ri
c

U
re
a/
1
m
M

A
m
m
o
n
iu
m
/

0
.1

m
M

P
o
ta
ss
iu
m
/0
.1

m
M

S
o
d
iu
m
/

1
m
M

U
ri
n
e

[1
4
]

C
o
rr
ei
a
et

al
.

U
re
as
e

P
o
te
n
ti
o
m
et
ri
c

U
re
a/
1
m
M

P
o
ta
ss
iu
m
/

0
.2
5
m
M

–
B
lo
o
d
se
ru
m

[3
7
]

A
l-
Is
sa

et
al
.

G
lu
co
se

o
x
id
as
e

V
o
lt
am

m
et
ri
c

G
lu
co
se
/

0
.5

m
M

A
sc
o
rb
ic

ac
id
/

0
.1

m
M

U
ri
c
ac
id
/0
.1

m
M

A
ce
ta
m
in
o
-

p
h
en
/0
.1

m
M

L
ab
o
ra
to
ry

st
an
d
ar
d
s

[4
0
]

168 M. del Valle



A table has been prepared summarizing these ideas, where the different BioET

examples using biosensors devised with only one enzyme plus other sensors or

modifiers of response are indicated (Table 3). Application details, with analytes

determined, its concentration level and the type of sample have been added.

4 Biosensor Arrays Employing Several Enzymes

Next in the conceptual progress in the work with BioETs, it is the turn of the design

of sensor arrays incorporating different enzymes; these will be normally devised to

determine one single substrate or closely related substances, whose sum will be

defining one general index or one group of substances somehow related to a certain

chemical compound or certain sample generic feature.

4.1 Determining One Substrate

When revising the scientific literature in search of biosensors used in an array mode,

a very interesting anticipative work was that of Lange and Wittmann, in which with

the use of a three-enzyme voltammetric array, they attempted the resolution of

different biogenic amines, an important issue in food analysis; this analysis is

interesting by the quantification of individual amines by themselves, or in their

sum as a direct indicator of spoilage of food products. In the work of Lange (2002)

[43], an enzyme sensor array for the simultaneous determination of the three

biogenic amines (histamine, tyramine and putrescine) is described by pattern

recognition using an ANN response model and its application to different food

samples. The work used an array of a monoamine oxidase, MAO (EC 1.4.3.6); a

tyramine oxidase, TAO (EC 1.4.3.4); and a diamine oxidase, DAO from pea

seedlings (EC 1.4.3.6) (with specific activities sufficient for rapid detection),

immobilized each on a separate screen-printed thick-film electrode via cross-

linking with transglutaminase and glutaraldehyde. Figure 11 shows the cross-

sensitivity found to selected biogenic amines by the different amine-degrading

enzyme biosensors, where a satisfactory departure point seems to exist: TAO

biosensors show higher sensitivity to tyramine, MAO biosensors to histamine and

DAO to putrescine, which makes feasible the three species multidetermination

approach. The lower detection limits achieved were 10 mg/kg for histamine and

tyramine and 5 mg/kg for putrescine. The application area of this BioET was tested

from fish to meat products, sauerkraut, beer, dairy products, wine and further

fermented foods and compared with the data of conventional LC analyses (the

mean correlation coefficient of the obtained vs. reference values was r¼ 0.854).

Continuing this topic, three-enzyme-based amperometric biosensors incorporat-

ing different amine oxidases were applied for meat spoilage monitoring. With

diamine oxidase (EC 1.4.3.6), the total biogenic amine content was measured.
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Monoamine oxidase A (EC 1.4.3.4) was used for determination of tyramine,

tryptamine and phenylethylamine content. Putrescine was selectively detected

with putrescine oxidase (EC 1.4.3.10). The enzymes were separately

co-immobilized on graphite electrodes with peroxidase and Os mediator (PVI7-

dme-Os). A fast extraction method using special centrifugal separator was applied

for pork and fish samples stored at different conditions. Although partial extraction

was achieved, the results correlated well with total biogenic amine content mea-

sured by HPLC method [44]. An equivalent determination has been reported very

recently from the bi-amperometric measurement of a double enzyme biosensor

using histamine dehydrogenase and putrescine oxidase [45] that performs the

specific determination of histamine and putrescine, working simply at two fixed

potentials of +130 and +300 mV, respectively, in this case, without the need of any

chemometric contribution.

A similar case study has been intended as a simple voltammetric electronic

tongue, this time with the use of an array of modified electrodes, in particular

carbon electrodes modified with different phthalocyanines as different catalysts to

induce differentiated response. The method involved the global detection of bio-

genic amines, spoilage products resulting from the degradation of fish. The perfor-

mance of an array of screen-printed electrodes (SPE) was compared with that of an

array formed by classic carbon paste electrodes (CPE). The sensors have shown

good sensitivity towards model solutions of biogenic amines (ammonia,

dimethylamine, trimethylamine, cadaverine and histamine). It was evidenced that

the electroactivity and basic character of amines influenced considerably the elec-

trochemical behaviour of each electrode. The pattern of responses provided by the

array was successfully used to evaluate fish freshness and to determine the post-

mortem period. An increase of the signals associated to biogenic amines and other

spoilage products was observed with increasing storage days. Signals provided by

classical CPE were better resolved and showed better sensor-to-sensor reproduc-

ibility than SPE. However, the SPE modification enabled simple mass production of

Fig. 11 Cross-sensitivity to

selected biogenic amines

shown by amine-degrading

enzyme biosensors. TAO
tyramine oxidase, MAO
monoamine oxidase, DAO
diamino oxidase. Adapted

from data in [43]
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low-cost and miniaturized sensing units with good sensitivity and repeatability. The

capability of discrimination demonstrated by PCA and the capability of prediction

of fish freshness calculated by partial least squares-discriminant analysis (PLS-DA)

were similar in both cases [46].

Another interesting example is the estimation of total organic load, a pollution

parameter especially important in the environmental field. In this case, highly

related to the enzyme type biosensor, respirometric microbial sensors have been

proposed to be used in an array mode to estimate biochemical oxygen demand

(BOD). BOD as a parameter illustrates the amount of organic compounds suscep-

tible to biochemical degradation in the water. The standard BOD test lasts for at

least 5–7 days or even up to 21 days. An incubation time this long is not acceptable

for monitoring purposes or system control. In order to shorten the BOD measure-

ment time, a multitude of biosensors have been proposed. Unfortunately, BOD

biosensors have several limitations, such as short lifetime, limited substrate range,

precision, etc. Some of those limitations can be overcome by using microbial sensor

arrays. Such BioETs can achieve the much wider substrate range usually attributed

to multiculture sensors and still maintain the long lifetime of a single culture sensor.

This is achieved by separating different cultures from each other in the array and

using the signals of separate sensors to produce global information via statistical

analysis. Although a waiting period of up to days has no practical use, by proper

training of the BioET, accurate estimation of the final value can be made in much

shorter times [47].

In the particular study, seven respirometric biosensors based on different semi-

specific and universal microorganisms were constructed for biochemical oxygen

demand (BOD) measurements in various synthetic industrial wastewaters

[48]. Microorganisms used were chosen according to different affinities for differ-

ent substrates like fat, phenol, lactose or cellulose. All biosensors were calibrated

using OCDE synthetic wastewater, and the resulting calibration curves were used in

the calculations of the sensor-BOD values for all biosensors. In addition, the output

signals of all biosensors were analysed as a BioET, and comprehensive multivariate

data analysis was applied to extract qualitative and quantitative information from

the samples. In the case of individual biosensor measurements, most accurate result

was gained when semi-specific biosensor was applied to analyse sample specific to

that biosensor. Universal biosensors or biosensors semi-specific to other samples

underestimated the BOD7 of the samples up to 10–25%. A PLS regression method

was used for the multivariate calibration of the biosensor array. The calculated

sensor-BOD values differed from BOD7 less than 5.6% in all types of samples, as

shown in Fig. 12, where the correlation of predicted vs. reference values demon-

strates the satisfactory comparison. By applying PCA and using three first principal

components, adding up to a 99.66% of explained variance, it was possible also to

differentiate samples by their compositions.

In a final exemplary study, toxicity as a relevant environmental parameter was

also attempted employing sensor arrays. Toxicity is a key parameter of water

quality and is normally evaluated as a response of living beings (as their mobility,

fertility, death rate, etc.) to water quality; therefore, toxicity can only be assessed
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with the help of these living beings. This imposes certain restrictions on toxicity

bioassay as an analytical method: biotest organisms must be properly bred, fed and

kept under strictly regulated conditions and duration of tests can be quite long (up to

several days), thus making the whole procedure the prerogative of the limited

number of highly specialized laboratories. The specified report describes an orig-

inal application of potentiometric multisensor system (ET system) where the set of

electrochemical sensors was calibrated against Daphnia magna death rate in order

to perform toxicity assessment of urban waters without immediate involvement of

living creatures, hereby extracting bioassay information from the sensor array and

correlating with the bioassay [49]. PRM (partial robust M) and PLS (projections on

latent structures) regression models based on the data from this multisensor system

allowed for prediction of toxicity of unknown water samples in terms of biotests but

in the fast and simple instrumental way. Typical errors of water toxicity predictions

were below 20% in terms of Daphnia death rate which can be considered as a good
result taking into account the complexity of the task. Figure 13 displays final results

in the comparison of predicted and reference values of toxicity, in this case when

using the PLS model.

When thinking about the different combinations of enzyme biosensors in arrays

and the possible determinations associated, there is one case that is not covered, and

then, it seems nobody attempted the idea. This is to use different enzyme biosensors

related to a certain substrate and to perform its determination, probably improving

the analytical performance, taking profit of the redundancy used, or of the different

interferences that may interact, or of the different environmental factors affecting

the determination. Possible examples are sugar determinations, e.g. combining

oxidase and dehidrogenase enzymes, a case also applicable, for example, to alco-

hols; in the case of phenolic compounds, the coupling of laccase and tyrosinase

biosensors has curiously been attempted in different manners, together in the same

device, or separately, as it will be described below.

Fig. 12 Obtained results in

the comparison of reference

BOD7 with BioET-

estimated BOD, showing

the satisfactory comparison

between both

methodologies. Reprinted

from [48] , with permission

from Elsevier
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4.2 Coupling Different Enzymes in the Same Sensing Device

A curious experimental procedure is the proposal made in the 1990s to

co-immobilize two different enzymes reacting with the same substrate(s) in order

to increase the final signal and the variety of compounds that may show response

[50]. In any case, this approach may be useful when the final goal of the analysis is

to obtain the general indicator of certain group of compounds, or when a total

content or general index is the information sought.

Specifically, this interesting work suggested the combined use of tyrosinase and

laccase for the overall detection of phenolic compounds relevant as environmental

pollutants. The idea is not so strange, given tyrosinase is mainly responding to

generic phenols, which are first converted to o-diphenols and then oxidized to the

corresponding quinones and laccase which reacts preferently with o- and p-
diphenols; obviously, the coupling of the two is in search of a more equilibrated

response towards the different phenolic compounds than with the use of a single

enzyme. As an illustration, these concepts are presented in Fig. 14, showing how the

cross response may be easily achieved; as it can be seen in there, laccase may show

increased response for caffeic acid or catechol, both being o-diphenols, or phenol
will show large signal increment by coupling the two enzymes. This idea was later

retaken by El-Kaoutit et al. to evaluate main polyphenols present in beer and to

estimate total polyphenol index in beer samples [51]. Final results obtained are

summarized in Fig. 15, where comparison of calculated and reference values shows

Fig. 13 Obtained results in the comparison of toxicity reference test using Daphnia Magna and

data extracted from BioET, when using PLS model, showing a satisfactory comparison between

both methodologies. Reprinted from [49], with permission from Elsevier
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satisfactory behaviour. In there, the correlation is highly significant (correlation

coefficient r¼ 0.9894), although the slope is only a fraction of the theoretical one

(slope¼ 0.44), indicating that even a clear correspondence is present, both methods

are measuring different forms of phenolics.

This idea of coupling the two laccase and tyrosinase enzymes has been repeat-

edly used in the literature by different authors. For example, a tyrosinase/laccase

bienzyme biosensor for amperometric determination of phenolic compounds was

constructed by immobilizing enzymes in titania gel matrix. The obtained biosensor

could be used for determination of 2,6-dimethoxyphenol, 4-tertbutylcatechol,
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4-methylcatechol, 3-chlorophenol and catechol, with relative responses between

the 12.7% for 4-tertbutylcatechol and 100% (max) for catechol [53].

Polyphenols are a group of naturally occurring compounds that can be found in

fruits and vegetables or beverages like tea or wine. Most of these compounds are

powerful antioxidants with great health benefits. In this sense, beer and wine

contain a wide variety of polyphenolic compounds. Although content values for

each of the single polyphenols are rather low, these compounds play an important

role in flavour (bitterness, astringency and harshness), colour and stability of these

beverages. Given its control is of clear interest, several methods to quantify total

phenols and polyphenols have been described in the literature. Among these, bio-

sensors provide an alternative solution to the determination of polyphenols for their

low cost and simple use, which make them ideal tools for analyses on field.

Applicability of electrochemical biosensors to the analysis of antioxidant com-

pounds, including polyphenols, is promising, and there is a growing interest in the

development of such devices. An amperometric biosensor for the detection of

polyphenols in wine was developed, immobilizing the two enzymes tyrosinase

and laccase on graphite screen-printed electrodes modified with ferrocene. The

biosensor gave good results when employed for wine analysis, showing a good

agreement with the spectrophotometric data obtained with the Folin–Ciocalteu test,

the official method for polyphenol analysis in wine [52].

In a recent work, a bienzymatic sensor for the determination of polyphenols was

presented. An ITO electrode was modified with multiwalled carbon nanotubes, and

the enzymes laccase and tyrosinase were co-entrapped into a chitosan matrix. The

resulting biosensor was calibrated at�50 mV (vs. the Ag/AgCl reference electrode)

using rosmarinic acid, caffeic acid and gallic acid as the substrates. The new

biosensor resulted in a 10.7-fold increase in response sensitivity and a considerable

improvement of the detection limit (42 nM for rosmarinic acid). The sensor was

used to evaluate the total phenolic content from plant extracts of Salvia officinalis
and cultures of Basilicum callus [54].

4.3 Determining Several Substrates

In this section we will describe the multiplex determination of a number of sub-

strates departing from a biosensor array formed by different enzyme biosensors

incorporating different enzymes. In this definition class, there can be two extreme

variants, when each associated enzyme biosensor is employed for its own substrate,

just relying on the specificity of each biosensor, and when there is the cross-

response condition, and some extra ability to resolve the exact compounds involved

is therefore obtained.

There are the first examples, the ones referred to a multiplex multi-specificity

case. Per example in a work from the group of Soldatkin, in Ukraine, an array of

conductimetric enzyme biosensors for simultaneous determination of carbohy-

drates maltose, lactose, sucrose and glucose were developed [55]. Several enzyme
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systems selective to lactose, maltose, sucrose and glucose were immobilized on the

surface of four conductimetric transducers and served as bio-recognition elements

of the biosensor array. Direct enzyme analysis carried out by the developed bio-

sensors was highly sensitive to the corresponding substrates. GOx, mutarotase and

suitable glycosidase (invertase, β-galactosidase and α-glucosidase, respectively)
were immobilized by cross-linking with 1:1 BSA and glutaraldehyde in 1:1 ratio,

and then each mixture was deposited onto the pair of electrodes considered (dif-

ferential measurement vs. a membrane not containing the enzyme). The analysis

lasted 2 min and determinations span concentration values from 0.001 to 1.0 mM.

First, the sensor array stability was studied, and effect by the solution pH, ionic

strength and buffer capacity on the biosensors responses was investigated; the

conditions of simultaneous operation of all biosensors were optimized. The data

on cross response of the different enzymes used to the considered substrates were

obtained and was presented in Fig. 16; in there one can observe how carbohydrate

oxidizing enzymes are quite specific, only there is certain secondary response of

lactose, maltose and sucrose biosensors, in all cases, to glucose present. The

developed biosensor array showed good signal reproducibility and storage stability.

The biosensor array demonstrated its utility for the simultaneous, quick, simple and

selective determination of maltose, lactose, sucrose and glucose.

In an additional closely related work, specific enzyme systems were devised to

detect analytes comprising markers of the stage of maturity and quality in selected

fruits of economic importance to tropical countries, like mangoes or pineapples

[56]. Analytes detected were β-D-glucose, total D-glucose, sucrose and ascorbic

acid. Enzyme principles used were: the GOx reaction, mutarotase and GOx for total

Fig. 16 Selectivity of the

biosensors in the array for

determination of glucose,

sucrose, maltose and lactose

– concentration of

carbohydrates measured,

0.5 mM. Reprinted from

[55], with permission from

Elsevier
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D-glucose and the three-enzyme system GOx, mutarotase and invertase for sucrose

estimation. A common format was adopted to facilitate design and operation, in this

case immobilization method, the fact that all enzymes used were oxidases and that a

common detection principle, reoxidation of H2O2 generated product, was chosen

(except for ascorbic acid which was estimated directly). Pectin, a natural polysac-

charide present in plant cells, was used as a novel matrix to enhance enzyme

entrapment and stabilization in the sensors. Interferences related to electrochemi-

cally active compounds present in fruits under study were significantly reduced by

inclusion of a suitable cellulose acetate membrane diffusional barrier or by enzy-

matic inactivation with ascorbate oxidase. Enzyme sensors demonstrated expected

response with respect to their substrates, on analyte average concentration of 5 mM.

In the two examples above, o cross response of biosensors was considered, and

then no advanced data treatment was employed. All analytes were estimated from

direct measurements performed, whereas the simple analysis of generated data

would have provided improved results, if only by correction of any cross response

or interference between considered species.

After the first potentiometric BioET in our laboratory, the one using potentio-

metric sensors to determine urea [14], progress in this line culminated in a

bioanalytical system to simultaneously determine urea and creatinine aimed to

application cases such as patients with renal failure [20].

Urea and creatinine biosensors based on urease and creatinine iminohydrolase,

respectively, covalently immobilized onto ammonium-selective electrodes were

included in an array together with sensors sensitive to ammonium, potassium and

sodium. Generic sensors to alkaline ions were also included. All the sensors used

were of all-solid-state type, employing polymeric membranes and having rather

non-specific response characteristics. Carboxylated PVC matrix was employed as

material with double functionality, to form the ammonium potentiometric mem-

brane and to provide anchoring points for the covalent immobilization of the

enzyme using the carbodiimide reaction. A response model based on ANNs was

built and tested for the simultaneous determination of the five species urea, creat-

inine, ammonium, potassium and sodium. The results show that it is possible to

obtain a good multivariate calibration model with the employment of feedforward

5-output ANNs. In this way, the developed bioelectronic tongue was successfully

applied to multidetermination of the five species in raw and spiked urine samples.

Predicted concentrations showed a good agreement with reference methods of

analysis, allowing a simple direct method for determining urea and creatinine in

real samples. At the same time, this method permitted to obtain the concentrations

of the alkaline interferences (endogenous ammonium, potassium and sodium)

without the need of eliminating them.

In an interesting work by Skladal, a four-electrode biosensor based on immobi-

lization of laccase (Coriolus hirsutus), peroxidase (horseradish) and tyrosinase

(mushroom) in a same screen-printed array was developed for generic monitoring

of phenols [57]. The enzymes were immobilized onto a self-assembled monolayer

(4-mercapto-1-butanol)-modified gold surface via covalent attachment by epichlo-

rohydrin coupling. The experimental conditions for simultaneous operation of the
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three enzymes were optimized based on catechol determination. The sensors were

further applied for the amperometric detection of several substituted phenolic

compounds, carried out using a single-line flow-injection system. Hydrogen per-

oxide served as co-substrate for peroxidase. The limits of detection for phenols in

aqueous solutions were in the micromolar range and each assay was completed in

less than 5 min. The preliminary studies showed that the compatibility of the above-

mentioned enzyme array enabled the multielectrode biosensor to be applied to real

samples including industrial wastewaters and surface waters.

In a closely related work, amperometric screen-printed biosensor arrays for the

generic detection of pesticides (organophosphates and carbamates) and phenols

were developed [58]. Cholinesterases (AChE and BChE), tyrosinase (TYR), per-

oxidases (from soybean, SBP, and horseradish, HRP) and cellobiose dehydrogenase

(CDH) were combined on the same array consisting of one Ag/AgCl reference

electrode surrounded by eight radially distributed working electrodes of either

carbon or platinum, to form a complete 8-channel voltammetric cell as it is depicted

on Fig. 17. Cross-linking with glutaraldehyde was employed for enzyme immobi-

lization. The substrates for the enzymes were acetylthiocholine for cholinesterases

(ChEs), cellobiose for CDH and hydrogen peroxide for peroxidases. Hydrogen

peroxide was generated in the presence of glucose by co-immobilized glucose

oxidase (GOx). All measurements were performed in an electrochemical steady-

state system specially constructed for eight-channel screen-printed electrode arrays.

The achieved relative standard deviation values calculated for different enzyme

substrates (10 measurements) were typically below 7%, and one assay was com-

pleted within less than 10 min. The detection limits for pesticides and phenols were

in the nanomolar and micromolar ranges, respectively. The developed biosensor

array was evaluated on wastewater samples. To simplify interpretation of results,

the measured data were treated with multivariate analysis – principal component

analysis (PCA), which permitted to identify the origin of a wastewater, e.g. if from a

pesticide industry or from a paper and pulp industry (see Fig. 18).

AChE

BChE

Pt

TYR

CDH

graphite

SBP/GOx

HRP/GOx

Fig. 17 Screen-printed biosensor array used for estimation of water quality. TYR Tyrosinase,

AChE Acetylcholinesterase, BChE Butyrylcholinesterase, Pt Platinum, CDH cellobiose dehydro-

genase, HRP Horseradish peroxidase, GOX glucose oxidase, SBP Soybean peroxidase. Reprinted

from [58], with permission from Elsevier
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Later, these principles were studied in more detail by the same laboratories

involved, in what it seemed a consortium from a EU project [12]. Four wastewater

samples of different treatment qualities, untreated, alarm, alert and normal, from a

Swedish chemi-thermo-mechanical pulp mill and pure water were investigated

using an amperometric BioET. The aim was to explore the ability of the enzymat-

ically modified screen-printed amperometric sensors for the discrimination of

wastewater quality and to counteract inherent drifts appearing in long-term use of

the devices. Seven out of eight platinum electrodes on the array were modified with

four different enzymes: tyrosinase, horseradish peroxidase, acetyl cholinesterase

and butyryl cholinesterase. At a constant potential, the current intensity on each

sensor was measured for 200 s, 100 s before injection and 100 s after injection of the

sample. The dynamic biosensor response curves from the eight sensors were used

for PCA identification of the four sample classes. A simple baseline and sensitivity

correction equivalent to multiplicative drift correction (MDC), using steady-state

intensities of reference sample (catechol) recordings, was employed. A clear pattern

emerged in perfect agreement with prior knowledge of the samples explaining 97%

of the variation in the data by two principal components (PCs). The first PC

described the treatment quality of the samples and the second PC described the

difference between treated and untreated samples. Horseradish peroxidase and pure

platinum sensors were found to be the determinant sensors, while the rest did not

contribute much to the discrimination. The wastewater samples were characterized

by the chemical oxygen demand (COD), biological oxygen demand (BOD), total

organic carbon (TOC), inhibition of nitrification, inhibition of respiration and

toxicity towards Vibrio fischeri using Microtox®, the freshwater alga

Pseudokirchneriella subcapitata and the freshwater crustacean Daphnia magna.
Exploration of the predictive capabilities of the BioET for the determination of

Fig. 18 Example of PCA score plot for the first two principal components, showing the clustering

of the samples according to its origin. Reprinted from [58], with permission from Elsevier
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toxicity, BOD, COD and TOC, a key factor important for the development of

chemometrically stabilized commercial wastewater sensors was initiated, but with

non-conclusive results. An equivalent system has been further applied in a very

recent work to urban and industrial wastewaters from a paper mill [59], where the

eight-sensor screen-printed electrode was operated in a flow-injection system and

where different pollution index related to organic load (COD, BOD, TOC and

toxicity) was successfully estimated through PLS regression. Simultaneous deter-

mination of several global environmental parameters characterizing wastewaters is

possible with this kind of biosensor array, in particular because it was possible to

establish the correspondence between the sensor responses and the biological effect

onto the ecosystem into which the wastewater is to be released.

Although a classic example in enzyme analysis textbooks, and also explored

from the point of view of kinetic analysis, there is only one single case study

appearing in the literature performing the quantification of different short chain

alcohols from biosensors’ differentiated activities of alcohol-degrading enzymes.

Such an analysis system would have interesting applications in the spirit industry

for the control of alcohol distillates. A bienzymatic analytical system was devel-

oped then for the chronoamperometric analysis of methanol–ethanol mixtures

[60]. The system consisted of two biosensors, one based on alcohol dehydrogenase

(ADH) that responds only to the ethanol and the second one based on alcohol

oxidase (AOx) that responds to both methanol and ethanol. The transducers were

screen-printed electrodes (SPEs) modified with mediators: Meldola blue for ADH

and Co-phthalocyanine for AOx. The calibration graph of the ADH biosensor

resulted linear between 0.3 and 8 mmol/L of ethanol. The AOx biosensor was

able to quantify both analytes in mixtures that contained methanol between 3 and

70 mmol/L and ethanol ranging from 15 to 110 mmol/L. Interferences due to

non-specific oxidations from common oxidizable compounds like gallic acid and

ascorbic acid were smaller in the case of transducer based on Meldola blue. The

analytical system was tested on real samples with success: non-alcoholized beer

spiked with ethanol or methanol and a counterfeit rosé wine

One of the most recurrent case studies for the demonstration of the operation and

possibilities offered by BioET is that of the determination of phenolic compounds,

by phenol-degrading enzymes tyrosinase and laccase. Departing from these mea-

surements, there can be developed different applications: (1) to perform the iden-

tification/classification of types of samples, (2) to estimate general indexes and

(3) to resolve the presence of specific phenolic compounds. And many different

specific applications can be developed to estimate polyphenolic compounds in

wine, beer, juices, teas, coffee, fruits, etc., or to estimate polluting load in wastes

originated in this type of industries.

Among the first works to resolve mixtures of phenolic substances was that of the

laboratory from Kubota, in Brazil. A simple and reliable method for rapid evalu-

ation of mixtures phenol/chlorophenol was described that used a dual amperometric

biosensor, that is, a two-biosensor array [61]. The approach was based on the

difference of sensitivities for laccase and tyrosinase biosensors and the different

phenolic compounds tested, which is in essence the application of the BioET
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principles. A multichannel potentiostat was used to monitor simultaneously the

response originated at the two biosensors, and the data were treated using PLS to

quantify concentrations of the compounds involved. For example, in the phenol/

chlorophenol mixture, the determination of individual species in a concentration

ranging from 1 to 10 μM obtaining relative standard deviations of 3.5 and 3.1% for

phenol and chlorophenol, respectively, was studied. The excellent correlation

between the estimated and the real concentrations was also observed by the

correlation coefficients (0.9958 and 0.9981 for phenol and chlorophenol, respec-

tively). Other pair mixtures that could be resolved successfully were catechol/

phenol, cresol/chlorocresol and phenol/cresol. These results showed that the meth-

odology could be successfully employed to the simultaneous determination of

phenolic compounds in mixtures, even in diluted solutions.

The development of BioETs employing phenol-degrading enzymes has been a

case study extensively considered in our laboratory. In a first BioET devised for

analysis of phenols in wine samples that was developed in our laboratory, both the

estimation of polyphenol content in wine and the identification of the different

individual phenolics were attempted [62]. The approach used an array of enzyme

biosensors capable of giving a wide and complete response of the analysed species,

plus a chemometric processing tool able to interpret the chemical signals and

extract meaningful data from the complex readings. In our case, the proposed

BioET was formed by an array of four voltammetric enzymatic biosensors based

on epoxy–graphite composites, one blank electrode and the other three bulk mod-

ified with tyrosinase and laccase on one side and copper nanoparticles on the other:

these modifiers were used in order to incorporate differentiated or catalytic

response to different polyphenols present in wine and aimed to the determination

of its total polyphenol content value. The use of Cu nanoparticles is inspired in

observing some catalytic effect, given both laccase and tyrosinase are

Cu-containing enzymes. The obtained voltammetric responses were preprocessed

employing the fast Fourier transform (FFT); this was used to compress the relevant

information whereas the obtained coefficients were input to an ANN model that

accomplished the quantification of the total polyphenol content. For comparison

purposes, obtained polyphenol content was compared against the one assessed by

two different reference methods: Folin–Ciocalteu and UV polyphenol index (I280);

good prediction ability was attained with correlation coefficients higher than 0.949

when comparing against the reference methods. The obtained comparison of

calculated vs. reference values can be observed in Fig. 19, where comparison

data for the train subset and for the external test subset have been split up. Apart

from excellent correlation, the comparison slopes are indistinguishable from one

(0.993� 0.008 for the train subset and 1.027� 0.033 for the external test subset).

Additionally, a singular effort was made to provide some uncertainties associated to

the prediction made. In this case, the ANN prediction model was retrained several

number of times (ca. 30) with random distribution of samples used for training and

samples used for testing. Learning algorithm used was Bayesian regularization, and

as such, no internal validation was needed, given the possibility of overfitting is

controlled in some other ways. By grouping the repeated cases, each sample was
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used for training and for external test; average values and standard deviations could

be calculated, which is the information provided in the figure; this illustrates how

the final result is dependent on the precise choice of which samples are used for

what function.

Qualitative identification of individual polyphenols found in wine was also

assessed by means of PCA which allowed the discrimination of the individual

polyphenols under study. Pure chemicals were spiked onto a control wine, and

voltammograms were recorded and FFT processed. After PCA transformation,

samples are grouped together in clear clusters, as can be seen in Fig. 20. This fact

permitted differentiating phenol-related compounds present in wine like gallic acid,

Fig. 19 Modelling ability of the optimized FFT–ANN. Sets adjustments of expected vs. obtained

concentrations for Folin–Ciocalteu index, both for (a) training and (b) testing subsets. Dashed line
corresponds to theoretical diagonal line. Reprinted from [62], with permission from Elsevier

Fig. 20 Example of PCA

score plot for the first two

principal components,

corresponding to wine

sample matrix (I) spiked

with typical phenolic

compounds that may be

present in wine. The graph
demonstrates how the

different phenolic

compounds are

discriminated. Reprinted

from [62], with permission

from Elsevier
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catechin, p-coumaric acid, caffeic acid, catechol, phenol, m-cresol, ferulic acid,

chlorogenic acid and quercetin. Even more, closely related phenolics appear in

close vicinity (like ferulic acid (IX), chlorogenic acid (X) and quercetin (XI), all of

them flavonoids). To visualize the relation of all these phenolic compounds, their

structures have been depicted in Fig. 21.

Later, in the continuing work in our laboratory, the same system was applied to a

more demanding application of a BioET system. In this case, the array made from

different enzymatic biosensors in the analysis of polyphenols was focused on the

quantitative determination of the major polyphenols found in wine [63]. For this

purpose, the biosensor array was formed by a set of epoxy–graphite biosensors,

bulk modified with different redox enzymes (tyrosinase and laccase) and copper

nanoparticles, aimed at the simultaneous determination of different polyphenols.

One blank epoxy–graphite electrode was also included as control channel. Depar-

ture information for the BioET was the set of voltammograms generated with the

biosensor array, selecting some characteristic features in order to reduce the data for

the ANN quantitative model. Finally, the optimized ANN model was used for the

resolution and quantification of three majoritary phenolic compounds in wine.

Catechol, caffeic acid and catechin formed the three-analyte case study resolved

in the work. Good prediction ability was attained, therefore allowing the separate

quantification of the three phenols with predicted vs. expected slope better than

0.970 for the external test set (n¼ 10) (see Fig. 22). Finally, the BioET was also
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Fig. 21 Some of the most abundant polyphenols present in wine matrix (I) wine, (II) gallic acid,

(III) (7) catechin, (IV) p-coumaric acid, (V) caffeic acid, (VI) catechol, (VII) phenol, (VIII) m-
cresol, (IX) ferulic acid, (X) chlorogenic acid and (XI) quercetin
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Fig. 22 Modelling ability

of the optimized ANN for

the multicomponent

determination of phenolic

compounds present in wine.

Training ( filled circles),
external test (empty circles)
and spiked wine samples

(empty diamonds) set
adjustments of the expected

concentration vs. obtained

concentrations for (top)
catechol, (middle) caffeic
acid and (bottom) (�)-

catechin. Dashed lines
correspond to theoretical

diagonal line. Error bars
correspond to five different

retrainings with random

reinitialization of weights

for the final architecture.

Polyphenolic structures

attached to the graphs and

fitted regression lines for the

three subsets stated on top

of each plot. Adapted from

[63], with permission from

the Royal Society
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evaluated with spiked wine samples displaying satisfactory recovery yields (values

of 104%, 117% and 122% for catechol, caffeic acid and catechin, respectively).

The same system was later applied to the analysis of specific type of sparkling

wines produced in our Catalonia region. A BioET based on a sensor array com-

prising four voltammetric enzyme-modified (bio)sensors plus pattern recognition

and multivariate calibration data processing tools was applied towards the analysis

of rosé cava wines [64]. A total of 20 different samples from different producers

were analysed using cyclic voltammetry without any sample pretreatment.

Obtained responses were preprocessed employing the windowed slicing integral

method in order to compress and extract significant features from the recorded

voltammogram. Extracted coefficients were then evaluated by means of PCA to

visualize some initial patterns, like producing region, or aging degree. The quan-

tification of different phenolic indexes was achieved by an ANN model. In this

manner, correlations were attempted between (bio)sensor responses and three

different classical indexes related to total phenolic content (i.e. I280, I320 and

Folin–Ciocalteu index) plus two other indexes related to other specific phenolic

features, like total tannins, related to astringency and body perception of the wine,

and anthocyanins content, related to intensity of the red colour.

In a close related work, the BioET was applied to the determination of the three

major phenolic compounds found in beer, namely, ferulic, gallic and sinapic acids

[65]. The proposed BioET was formed by an array of four epoxy–graphite-modified

voltammetric biosensors, with marked mix response towards the involved com-

pounds. The array comprised one blank electrode, a laccase biosensor, a tyrosinase

biosensor and one electrode bulk modified with copper nanoparticles; these mod-

ifiers were selected in order to incorporate differentiated or catalytic response

towards different polyphenols present in beers and aimed to their simultaneous

resolution. Departure information was the set of voltammograms generated with the

biosensor array, which were preprocessed employing the windowed slicing integral

method in order to reduce the complexity of the input signal while preserving the

relevant information. Then, the obtained coefficients were input to an ANN model

able to extract meaningful data from the complex readings, overcoming signal

overlapping, and who carried out the quantification. Finally, after optimization of

the ANN model, it was applied to the quantification of ferulic, gallic and sinapic

acid mixtures both in synthetic and spiked beer samples. Good prediction ability

was attained, therefore permitting the individual quantification of the three phenols,

with good recovery yields for the spiked beer samples.

The laboratory of Prof. Rodriguez-Mendez in Valladolid completed recently a

BioET system for the analysis of grapes, in which they combined sensor principles

based on voltammetric biosensors employing phenol oxidases (tyrosinase and

laccase) and rare-earth phthalocyanines as redox mediators [66]. The enzymes

were incorporated into a Langmuir–Blodgett (LB) film onto an electrode, formed

of Arachidic acid (AA) plus lutetium bisphthalocyanine (LuPc2) which was intro-

duced in the films to act as electron mediator. The incorporation of the enzymes into

the floating layers to form Tyr/AA/LuPc2 and Lac/AA/LuPc2 films was confirmed

by examining pressure isotherms and by atomic force microscopy (AFM) images.
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The cyclic voltammetric response towards six phenolic compounds, vanillic acid

(one monophenol,), catechol, caffeic acid, hydroquinone, (three o-diphenols) and
gallic acid and pyrogallol (two triphenols), demonstrated the performance of the

biosensors that resulted from a preserved activity of the tyrosinase and laccase

combined with the electron transfer activity of LuPc2. A PCA score plot demon-

strated that the multisensor system was able to discriminate phenols according to

the number of phenolic groups attached to the structure (1, 2 or 3). Biosensors show

improved detection limits for concentrations below 1 μM. The array formed by

three biosensors AA/LuPc2, Tyr/AA/LuPc2 and Lac/AA/LuPc2 was employed to

discriminate phenolic antioxidants of interest in the food industry by exposing it to

musts prepared from grapes of different varieties (diluted 50% in water). The

system was also able to discriminate grapes of different varieties (Tempranillo,

Garnacha, Cabernet, Mencia or PrietoPicudo) according to their phenolic content.

In a derived work made in our laboratory, the above concepts were extended to

environmental field, when we reported the use of a BioET for the monitoring of the

photodegradation of phenolic compounds [67]. Phenolic compounds are widely

used in industry as antioxidants, chemical intermediates, additives to lubricants and

gasoline, disinfectants, tanning agents and photographic developers or in the

production of drugs and pesticides, between others. However, despite its extensive

usage, some of them are known to possess well-known adverse health effects and

are consequentially regulated as priority pollutants, by both the US Environmental

Protection Agency (EPA) and the European Union (EU). Therefore, removal and

control of these compounds from industrial waste, where they act as recalcitrant

pollutants, is a critical issue.

Current official analytical methods for phenolic compound detection imply

separation steps (liquid–liquid extraction or solid-phase extraction for liquid sam-

ples and Soxhlet extraction for solid samples) followed by chromatography using

different detection devices, where they may require also a derivatization step.

Unfortunately, these methods may require expensive and hazardous organic sol-

vents, which are undesirable for health and disposal reasons; in addition, the

analysis is labour intensive and takes long time. Hence, there is a general trend to

find alternatives that may also be utilizable for on-site analyses.

The work reported the applicability of a voltammetric BioET to the monitoring

of different phenolic pollutants present in wastewaters. Voltammetric responses

obtained from an array of bulk-modified (bio)sensors, containing enzymes such as

tyrosinase and laccase, were combined with chemometric tools such as ANNs for

building the quantitative prediction model. The four voltammetric electrodes pre-

pared consisted in one blank electrode plus three (bio)composite electrodes mod-

ified with tyrosinase, tyrosinase+laccase and Cu nanoparticles. This choice was

intended as to maximize the response of the (bio)sensor array towards phenolic

compounds. That is, on one side, tyrosinase and laccase were chosen as they are

extensively used for the development of amperometric biosensors aimed to the

detection of phenolic compounds; on the other side, copper nanoparticles were also

considered due to the well-known catalytic properties of nanoparticles and the

importance of copper in the two enzymes used. To fully exploit all the information
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obtained from each voltammogram and to prevent the underdetermination problem

encountered with an oversized ANN with excessively complex data (i.e. when too

few data points are available compared with the number of adjustable parameters),

a compression step was performed to decrease the dimensionality of the electro-

chemical signatures. In our case, compression of voltammetric data was achieved

by means of fast Fourier transform (FFT), while ANNs were chosen as the model-

ling tool to achieve the individual quantification of each of the compounds. In this

manner, each voltammogram was compressed down to 32 coefficients without any

significant loss of information, and obtained coefficients were then used as inputs to

the ANN model. The response model was built employing a set of standards

prepared based on a factorial design; afterwards, and once validated, it was applied

to the monitoring of the mineralization of three phenol pollutants, catechol, m-
cresol and guaiacol, during a UV-assisted photo-Fenton advanced oxidation pro-

cess. The procedure also permitted to characterize the kinetics of the degradation

process for each of the three phenolic compounds tested.

A part from the wide usage of phenol-degrading enzymes in relation to the

determination of phenolics, these can be further associated with sugar estimating

enzymes (i.e. GOx), in order to obtain mixed info data related to phenolics and

sugars and estimate better properties, varieties, grades, etc., especially for applica-

tions in the food field. Disposable screen-printed sensors were modified with

enzymes and used to form a BioET dedicated to the discrimination between

different grape varieties [68]. The multisensory system combined screen-printed

electrodes modified with inks of carbon, platinum, gold, graphene, Prussian blue

and nickel oxide nanoparticles (M-SPE) covered with glucose oxidase

(M-GOx-SPE) or tyrosinase (M-Tyr-SPE). The M-GOX-SPE and M-Tyr-SPE

sensors produced a variety of responses due to different behaviours of the electron

mediators of the six screen-printed materials used for the electrocatalysis of the

glucose and phenols by means of glucose oxidase and tyrosinase. This variety of

responses, together with the capability of the sensors to detect glucose or phenols,

allowed the developed BioET to discriminate between the juices obtained from

Fig. 23 Screen-printed

array of 16 electrodes,

suitable for modification of

each surface and obtaining a

BioET, materials available

from Dropsens S.L., http://

www.dropsens.com,

Oviedo, Spain
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different varieties of grape. PLS multivariate calibration of electrochemical data

was successfully applied to the simultaneous determination of glucose and poly-

phenols in musts. The discrimination capability shown by this array of cheap and

single-use sensors was similar to that found in other complex bioelectronic tongues.

The lower price, ease of use and portability of the modified screen-printed electrode

system make the bioelectronic tongue developed here an alternative tool that can be

used in situ in the vineyard block. The technologies described permit to envisage

multisensing devices, in which a common auxiliary and reference electrode is used

in a single screen-printed device to permit the BioET development; for this purpose,

only a separate, individually controllable deposit or formation of the enzyme layer

is needed, in order to get easily 8-sensing or 16-sensing devices, as shown in

Fig. 23.

As previously, it is elaborated in Table 4 to help in sketching different case

studies related to the use of several enzymes into the BioET. The different analytes

that can be resolved, together with the order of magnitude of the concentration

determined and the type of samples analysed, are indicated.

5 Inhibition Electronic Tongues

The conceptual idea behind an inhibition BioET is the fact that inhibitory effect

may present differences depending on the exact form of a certain enzyme, that is,

depending on its exact animal or plant source, or if it has been altered by genetic

engineering. If there exists a different pattern of responses from different enzymes

towards different inhibitors, then it is obvious that the exact inhibitor(s) present and

their concentrations may be extracted.

Although the case of analysis of activators would be essentially equivalent to

inhibition, as both rely on equivalent principles (the change of enzymatic activity

through a third substance), there are few enzyme cases applicable in analysis, and

even, there is no example in the literature related to BioETs.

From the different cases related to inhibition, the most in-depth studied case is

that of pesticides, mainly as inhibitors of cholinesterase enzymes; other cases

involve inhibition of sarcosine oxidase that allows determining carboxylic acids

or inhibition of protein phosphatases, attempted for the resolution of microcystin

types. Inhibition of aminooxidases also opens a way for determination of amount

and effects of modern antidepressants.

5.1 Determination of Pesticides

The case most studied in the literature has been that of the determination of

pesticides using their inhibitory effect on the hydrolysis reaction by

neurotransmitter-degrading enzyme acetylcholinesterase (AChE). The inhibition
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of this enzyme, which is observable at concentration levels of 10�10 M and below,

is extraordinarily useful for the determination of these compounds at concentration

levels of environmental relevance.

Per example, in the paper by Crew et al. [69], the cross response of six

genetically modified AChEs (B03, B04, B65, B131, B394 and B421) was evaluated

against six organophosphate pesticides. Figure 24 shows pictorially the different

patterns of inhibition presented by each AChE enzyme evaluated, clearly

displaying the different patterns by each pesticide and announcing that the resolu-

tion of pesticide mixtures is possible.

Inhibition biosensors are normally used in a generic way, given they provide a

result that combines the sum of all inhibitors present. One biosensor by itself is not

capable of discriminating presence of particular inhibitor. But the use of biosensors

in array mode to form BioET makes possible this interesting application, a meth-

odology with performance only equivalent to that supplied by the state-of-the-art

GC-MS instrumentation.

An important particularity with inhibition assays is that when this is an irrevers-

ible inhibition, it forces the use of disposable biosensors that may be prepared,

e.g. by screen-printing technology, and the whole application relies then on the

reproducibility of manufacture of different devices [70].

The first work in the literature named as inhibition BioET was a collaborative

work between our laboratory and a French laboratory commanding pesticide

analysis. In this work, the BioET was developed, employing an array of inhibition

biosensors and ANNs [15]. The array of biosensors was formed by three ampero-

metric pesticide biosensors that used different AChE enzymes: the wild type from

electric eel (EE) and two different genetically modified enzymes (B1 and B394).

The system was employed for the simultaneous determination and/or resolution of

mixtures of two pesticides, dichlorvos and carbofuran, with mean values of

120

100
E

n
zy

m
e 

In
h

ib
it

io
n

 (
%

)
80

60

40

20

–20

Chlo
rfe

nv
inp

ho
s

Chlo
rp

yr
ifo

s M
et

hy
l O

xo
n

Chlo
rp

yr
ifo

s O
xo

n

Dich
lor

vo
s

M
ala

ox
on

 P
irim

iph
os

 M
et

hy
l O

xo
n

0

Organophosphate

B421

B394

B131

B65

B04

B03

Fig. 24 Inhibition profiles obtained from the inhibition of each considered enzyme by the six

organophosphate pesticides included in the study. Reprinted from [58], with permission from

Elsevier
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concentration of 0.8 and 4 nM for each pesticide, respectively. This work was soon

extended to a similar one, with a system using wild electric-eel AChE, B394 AChE

and a two-enzyme (AChE+ phosphotriesterase) biosensor, employed to resolve

mixtures of chlorpyrifos and chlorfenvinfos pesticides at the nM level [71].

Later, these concepts were translated into an automated flow-injection system,

now using dichlorvos and methylparaoxon pesticide mixture, a more difficult to

resolve mixture than the previous ones, given both pesticides are from the same

family of organophosphates [16]. Figure 25 displays the performance of the devel-

oped device, where it can be observed how dichlorvos can be determined down to

the 10 nM level and methylparaoxon down to 200 nM level, both with satisfactory

comparison between calculated and expected values (especially for the external test

set).

The concept was further extended by the French researchers to three-pesticide

mixtures, chlorpyrifos-oxon (CPO), chlorfenvinphos (CFV) and azinphos methyl-

oxon (AZMO) [72]. The array of biosensors was designed using only two acetyl-

cholinesterases fromDrosophila melanogaster (wild type and genetically modified)

and used the dynamic component of the inhibition profiles and an ANN to solve

mixtures of CPO, CFV and AZMO insecticides at the 1–10 nM level.

Analogously, paraoxon, dichorlvos and carbofuran could be determined by

combining response of AChEs from electric eel and from the fly Drosophila
melanogaster [73]; alternatively chlorpyrifos-oxon or paraoxon could be deter-

mined in milk down to the 1 nM level [74]. To clarify and systematize all the

different variants registered in the literature, the enzymes used, the insecticides

resolved and the order of concentrations determined have been gathered together in

Table 5, where a quick view of advances in the field can be readily discerned.

To finish, it is just left to say that the possibility to resolve up to mixtures formed

by six pesticides has been postulated, although no clear results have been provided

[69]. This may be possible, but important efforts on the reproducibility of
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manufacture of disposable biosensors and on the operation, for example, by the use

of automated FIA or SIA systems probably will be necessary.

5.2 Other Inhibition Systems

In a research line by Czech laboratory from Prof. Skládál, the inhibitory effect of

carboxylic acids on the activity of sarcosine oxidase has been examined in detail. A

flow-through amperometric biosensor was firstly presented, based on two sensor

layers that are deposited on a platinum electrode. The inner layer served to

eliminate interferences by limiting diffusion of electrochemically active substances

such as ascorbic acid. This layer is electro-polymerized using an equimolar mixture

of o-phenylenediamine and resorcinol. The outer layer was prepared by cross-

linking the enzyme sarcosine oxidase and bovine serum albumin using glutaralde-

hyde. The formation of enzymatically produced hydrogen peroxide by this oxidase

is monitored at 600 mV vs. an Ag/AgCl reference electrode. The addition of

carboxylic acids caused competitive inhibition of the enzyme and a decrease in

signal. The assay was optimized for determination of carboxylic acids in wine

samples. Following tenfold dilution, most samples contain 1–10 mM individual

carboxylic acids, and thus a 5 mM concentration of sarcosine was chosen as being

optimal for competition. In case of real samples, the biosensor measured the sum of

all carboxylic acids, which serves as a parameter describing the quality of wines.

Results from testing several wine samples are reported [75]. In a very recently

published work during the writing of this chapter, the idea was put into practice,

coupling amperometric biosensors based on lactate oxidase, sarcosine oxidase and

mixture of fumarase and sarcosine oxidase that were used for monitoring of organic

acids like tartaric, malic and lactic in wine samples [76], with correct comparison

against standard HPLC methods.

In a recent work in J. L. Marty Laboratory in Perpignan, France, a BioET system

was conceived to determine high-priority pollutants, LR and YR microcystins,

based on inhibition of protein phosphatases [78]. Microcystins (MC) are generated

during algal blooms of toxic cyanobacteria (blue-green algae) representing a

serious problem because of the potent toxins that can be released. Microcystins

(MCs) are produced by cyanobacteria present in lakes, ponds, reservoirs and rivers

with low turbidity flow regimes. The enzymatic test is based on the toxicity

mechanism of MCs: these toxins specifically inhibit protein phosphatase PP2A

and PP1 activities. The inhibition characteristics of three different protein phos-

phatases by three MC variants, MC-LR, MC-YR and MC-RR, were studied. The

corresponding inhibition constant for each enzyme-MC couple was calculated. The

toxicity of MC varies in the following order: MC-LR>MC-YR>MC-RR. The

sensitivity of the enzymes increased in the following order: mutant PP2A<mutant

PP1<natural PP2A. The lowest limit of detection obtained was 21.2 pM for MC-LR

using the most sensitive enzyme. Figure 26 displays the cross-response features

shown by the protein phosphatases considered in the study, where the minimum

inhibitory effect is experienced by MC-RR on PP2A, or the more balanced
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inhibitory effect of YR-microcystin on the three enzymes evaluated shows that the

case of resolution of different microcystins could be feasible. An ANN model was

used to discriminate MC variants – LR and YR – using the differences in inhibition

percentages measured with mutant PP1 and natural PP2A at the 100 pM level.

In a third example case, β-carbolines are inhibitors of monoamine oxidases

(MAO-A and MAO-B) and can be found in foods, hallucinogenic plants or certain

plant drugs. The referred article described a fast analysis method for β-carbolines
based on the inhibition of MAO [79]. The MAO-A is inhibited by all three tested

β-carbolines (harmane, norharmane and harmaline), while MAO-B is inhibited only

by norharmane. The presence of norharmane in mixtures of β-carbolines can be

identified based on the difference between the cumulative inhibition of MAO-A by

all β-carbolines and MAO-B inhibition. The enzymes were immobilized on screen-

printed electrodes modified with a stabilized film of Prussian blue that contain also

copper. Benzylamine was used as substrate for the enzymatic reaction and the

hydrogen peroxide formed was measured amperometrically at �50 mV. The

developed biosensors were used for food analysis. The detection limits obtained

were 5.0 μM for harmane and 2.5 μM for both harmaline and norharmane.

In a closed related idea, amperometric biosensors based on planar screen-printed

graphite electrodes modified with multiwall carbon nanotubes (MWCNTs) and

immobilized monoamine oxidase enzyme (MAO) have been proposed for the

determination of antidepressants (imipramine, afobazole and phenazepam)

[80]. The operation of the proposed biosensors is based on the inhibiting ability

of antidepressants on the considered enzymes. Monoamine oxidase is an enzyme

that catalyses reactions of the oxidative deamination of monoamines: serotonin,

dopamine, tyramine and also adrenalin and noradrenalin. The analytical capabilities

of the proposed devices have been compared to those of biosensors based on the

unmodified electrodes. The proposed biosensors are shown to be used for the

control of both residual amounts of drug substances in biological fluids (urine)

and the active ingredient in dosage forms and to adjust the exact dose of medication

for a given patient, a goal very delicate and important to fulfil. On the other hand,

this case study remains open for interesting studies, in this case in environmental

Fig. 26 Cross-response

features use of protein

phosphatases included in

the study towards

microcystins LR, YR and

RR. Adapted from data in

[78]
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field, in the determination of emerging pollutants as it can be inhibitors of serotonin

uptake receptors, that is, the new antidepressants Prozac and related drugs.

6 Concluding Remarks

To summarize, here we have presented, in the form of organizing the biosensing

part, or in the procedural part, but always with the application pursued goals in

mind, the gathering of literature papers and our own work in Barcelona laboratories

dealing with work on BioETs. I hope it could be highlighted how limitations in the

work with bioanalytical reagents or in the work with biosensors can be tackled in

this new procedural way that makes the bioanalytical chemist think

multicomponent way and opts for complementing traditional responses with addi-

tional complementary ones. These integration possibilities envisage highly valu-

able applications of unthought performance, like concentration mapping at the

micro and the macro scales, enhanced reliability of sensor operation, correction

of interferent effects or matrix effects or multidetermination at the level of most

complex existing hyphenated technologies.

Although not described in detail here, there are BioETs designed specifically for

replication of taste [4], in a search to reproduce human sense of taste. That is, in a

purely bioinspired design, the intention is to mimic primary perceptions of salty,

sour, sweet, bitter and umami (the fifth oriental basic taste, standing for “delicious-

ness”). This goal has been attempted by two different means. The first was

reproducing, by usage of conventional potentiometric sensors, as it is the case

with commercial instruments Astree (from Alpha-MOS) [81] and Insent [82]. On

the other hand, the most recent attempts to replicate taste have been done by

designing BioETs that employ as sensing elements sensing proteins and receptors

originally intervening in the sense of taste, therefore doing a complete translation of

physiology into a biosensing instrument [83].

A first work that can be listed here is the one using taste buds in a microelectrode

array and pertain to the variety of stochastic sensing [85]. In the referred work [84],

extracted biological tissue from specific points in human palate is coupled with

microchips to establish a novel BioET system, in this case devised for salty

detection. Before experiment, a computational model of action potential in salt

taste receptor cell is established, simulating the responsive results to natural salt

stimuli of NaCl solution with various concentrations. A 36-channel microelectrode

array (MEA) with electrode diameter of 30 μm was fabricated on glass substrate,

and taste epithelium was stripped from rat and fixed on MEA. When stimulated by

the salty stimuli, electrophysiological activities of taste receptor cells in taste buds

were measured through a multichannel recording system. Both simulation and

experiment results showed a dose-dependent increase in NaCl-induced spike poten-

tials of taste receptor cells, in amplitude and frequency, which indicated good

applications in salt measurements. The multichannel analysis demonstrated that

different groups of MEA channels were activated during stimulations, by recording
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the nerve spikes and indicating nonoverlapping populations of receptor cells in taste

buds involved in salt taste perception. As illustrated above, Fig. 27 displays the

involved biosensor platform and how the protein taste receptors might be deployed

and transduced through a microfabricated electrode substrate.

In a related nanobiotechnological work, a BioET was designed using human

sweet taste receptors for the detection and discrimination of sweeteners with

human-like performance. For this purpose, single-walled carbon nanotube field-

effect transistors were functionalized with nanovesicles containing human sweet

taste receptors and used to detect the binding of sweeteners to the taste receptors

[86]. Protein receptors used were heterodimeric G-protein-coupled receptors

(GPCRs) composed of human taste receptor type 1 member 2 (hTAS1R2) and

human taste receptor type 1 member 3 (hTAS1R3), which have multiple binding

sites and allow a human tongue-like broad selectivity for the detection of sweet-

eners. This nanovesicle-based BioET demonstrated to be a powerful tool for the

detection of sweeteners as an alternative to labour-intensive and time-consuming

cell-based assays and the sensory evaluation panels used in the food and beverage

industry. Furthermore, this study also allows the artificial sensor to exam the

functional activity of dimeric GPCRs.

Obviously, as it can be deduced from the conceptual depth and interesting

applications covered, BioETs have already been constituted as a consolidated

research line with the purpose of improving performance, applicability and proper

results for existing biosensors.
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Abstract Supramolecular interactions of various organic xenobiotic compounds

with deoxyribonucleic acid (DNA) are among the most important aspects of

biological studies in clinical analysis, drug discovery, and pharmaceutical devel-

opment processes. In recent years, there has been a growing interest in the electro-

chemical investigation of interactions between a studied analyte and DNA.

Observing the pre- and post-electrochemical signals of DNA or monitoring its

interaction with xenobiotics provides good evidence for the interaction mechanism

to be elucidated. Such interaction can also be used for sensitive determination of

these compounds. This short review summarizes our results obtained during the last

5 years in the field of novel electrochemical DNA biosensors utilizing carbon-based

transducers as substrates for immobilization of DNA. It should provide evidence

that the electrochemical approach (employing simple, fast, sensitive, and inexpen-

sive DNA biosensors as tools for investigation and detection of DNA damage)

brings new insight into human health protection or rational drug design and leads to

further understanding of the interaction mechanism between xenobiotic compounds

and DNA.
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Abbreviations

AA 2-Aminoanthracene

Ag/AgCl Silver/silver chloride reference electrode

CFE Microcrystalline natural graphite–polystyrene composite film-

modified electrode

CV Cyclic voltammetry

DNA Deoxyribonucleic acid

DPV Differential pulse voltammetry

dsDNA Double-stranded deoxyribonucleic acid

EIS Electrochemical impedance spectroscopy

GCE Glassy carbon electrode

IARC International Agency for Research on Cancer

NTMA 4-Nitro-3-(trifluoromethyl)aniline

PB Phosphate buffer

phen 1,10-Phenanthroline

RNS Reactive nitrogen species

ROS Reactive oxygen species

RSS Reactive sulfur species

SPCE Screen-printed carbon electrode

SWCNT Single-walled carbon nanotube

SWV Square-wave voltammetry

1 Introduction

In the last decade, increasing attention has been paid to the binding of small organic

molecules to nucleic acids. Such in vitro studies have a key importance for a

detailed understanding to these supramolecular interactions, especially in terms of

damage to deoxyribonucleic acid (DNA) caused by various xenobiotic compounds

[1]. A variety of small molecules are known to interact reversibly with double-

stranded DNA (dsDNA) through one of the following three modes: (1) electrostatic

interactions with the negatively charged nucleic sugar–phosphate structure,

(2) groove binding interactions, or (3) intercalations between the stacked base

pairs of dsDNA [2–4].
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Analysis of the interfacial biomolecular interaction between DNA-targeted

drugs and immobilized DNA probes has a particular role in the rational design of

novel DNA-binding drugs and to the drug screening. Interactions of anticancer

drugs with nucleic acids have been studied by numerous physical and biochemical

techniques. UV–vis absorption spectrophotometry, fluorescence spectroscopy,

vibrational spectroscopy (Fourier transform infrared spectroscopy and Raman

spectroscopy), polarized light spectroscopies (linear and circular dichroism), fluo-

rescence anisotropy or resonance, surface plasmon resonance, nuclear magnetic

resonance, viscometry, and gel or capillary electrophoresis have been applied to

provide insight into binding modes, DNA affinity, and base pair selectivity of

DNA-binding drugs [5]. However, these techniques mostly address the issues of

the binding mechanisms and structural analysis (e.g., DNA base sequence selec-

tivity, correlation of structure–activity relationships, linkages between the geome-

try and thermodynamic properties, or influences of substituent modifications on the

physical, chemical, and biological properties of the drug–DNA complex

formed) [6].

Nucleic acid layers combined with electrochemical transducers have produced a

new kind of affinity biosensor capable of rapidly recognizing and monitoring

DNA-binding organic compounds [1]. Electrochemical biosensors have been suc-

cessfully used for a number of applications including monitoring DNA damage,

studies of the interactions of DNA with various genotoxic agents (carcinogens,

mutagens, toxins, drugs, etc.), and also for the detection of specific mutations in

DNA sequences [7]. Thus, they potentially offer fast and inexpensive alternative to

traditional methods of measuring analyte–DNA interactions [8–10].

Recently, various reviews of electrochemical DNA biosensors have been

reported [1, 11–20]. The present review will focus on the most widely used

strategies in the technology of electrochemical DNA biosensors, with the special

emphasis placed on their construction and application in the field of DNA damage

detection and investigation of supramolecular interactions between xenobiotic

compounds and DNA. Our results, obtained during the last 5 years in the field of

novel electrochemical DNA biosensors utilizing carbon-based transducers as sub-

strates for immobilization of DNA, will serve as illustrative examples.

2 Electrochemical DNA Biosensors for Detection of DNA

Damage

DNA belongs to main biological macromolecules that undergo serious structural

changes such as oxidation of the DNA bases and sugar moieties and release of the

bases, as well as strand breaks caused by chemical systems generating so-called

reactive oxygen (ROS), reactive nitrogen (RNS), or reactive sulfur (RSS) species

[21, 22] or caused by other classes of genotoxic substances [23]. Thus, one of the

main application areas for DNA biosensors is the detection of damage to DNA.
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ROS are formed either endogenously (during normal aerobic metabolism and under

various pathological conditions) or exogenously (e.g., upon the exposure to UV

light, ionizing radiation, or environmental mutagens and carcinogens). About ten

thousands to millions of DNA damage events occur to a cell per day [23]. Accu-

mulation of oxidative DNA lesions is associated with aging and with a variety of

human diseases including cancer and neurodegeneration.

Altered chemical, physicochemical, and structural properties of damaged DNA

are reflected in its redox behavior which is utilized in numerous techniques of DNA

damage detection. Electrochemical DNA biosensors have been used not only to

detect but also to induce and control DNA damage at the electrode surface via

electrochemical generation of the damaging (usually radical) species [24]. In this

way, chemical carcinogens and drugs (e.g., nitro derivatives of polycyclic aromatic

hydrocarbons [25], adriamycin [26], niclosamide [27], or nitrofurazone [28]) have

been investigated.

2.1 Construction of Biosensors

DNA biosensors are integrated receptor–transducer devices that use DNA as a

biomolecular recognition element to measure specific binding processes with

DNA, usually by electrical, thermal, or optical signal transduction [12]. Compared

with other transducers, electrochemical ones received particular interest due to a

rapid detection and great sensitivity. Among the electrochemical transducers,

carbon-based electrodes (e.g., glassy carbon electrode (GCE), pyrolytic graphite

electrode, pencil lead electrode, carbon composite electrodes, carbon paste elec-

trodes, carbon film electrodes, screen-printed carbon electrodes (SPCEs), boron-

doped diamond electrodes [29, 30], chemically modified carbon electrodes, or

carbon nanoparticle-modified electrodes) exhibit several unique properties

[12]. The wide electrochemical potential window in the positive direction allows

sensitive electrochemical detection of oxidative damage caused to DNA by mon-

itoring the appearance of oxidation peaks of DNA bases [31].

In the last 5 years, our attention has been paid to the development of novel

electrochemical DNA biosensors based on carbon-based transducers as substrates

for immobilization of DNA. Among others, following four electrodes exhibited the

best properties for these purposes: GCE (supplied by Metrohm, Herisau, Switzer-

land), microcrystalline natural graphite–polystyrene composite film-modified elec-

trode (CFE), SPCE (supplied by Food Research Institute, Bratislava, Slovakia), and

SPCE modified with single-walled carbon nanotubes (SWCNTs).

The newly developed CFE [32] (Fig. 1a), formed by covering a classical solid

working electrode with a conductive carbon film, represents a very promising

alternative to electrode surfaces modified by several carbon nanoparticles with

profitable electrocatalytic properties (nanotubes, graphene, etc.). The smallest

particles of micronized natural graphite (type CR 2 995, Graphite Týn, Týn nad

Vltavou, Czech Republic) reach the size around 1,000 nm [33], which is very close
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to dimensions of carbon nanoparticles commonly used in modern electroanalytical

applications. However, the price of this electrode material is incomparably lower

(about 1 euro cent per 1 g) than that of commercially available carbon

nanoparticles. Therefore, it is more applicable for electroanalytical practice. More-

over, the CFE represents a suitable alternative to the commercially available

disposable SPCEs [34]. Its simple, fast, and inexpensive preparation (the surface

of a classical solid working electrode in a plastic electrode body is covered with a

carbon ink suspension and left to evaporate to dryness), simple mechanical renewal

of the electrode surface (by wiping off the old film with filter paper and forming a

new one), good reproducibility of measurements, elimination of problems

connected with “electrode history”, and simple chemical modification are the

main advantages.

The SPCE assembly (Fig. 1b) [25] consisted of a carbon paste working elec-

trode, a silver ink pseudo-reference electrode, and a silver ink auxiliary electrode

and was fabricated using a typical screen-printing equipment. The SPCE modified

with carboxylated SWCNTs (SWCNTs/SPCE) was prepared as described in [35].

Adsorption is the simplest method to immobilize DNA on an electrode surface.

It does not require reagents or special modifications in the DNA structure. There are

many reports on DNA immobilization using a potential applied to GCEs, carbon

paste electrodes, or SPCEs [1, 36–38]. The polished surface of the carbon electrode

is usually pretreated by applying a positive potential (ca. 1.5–1.8 V vs. silver/silver

chloride reference electrode (Ag/AgCl)) for a certain time. This pretreatment of the

carbon surface increases its roughness and hydrophilicity [39, 40]. Afterward, the

electrochemical adsorption of DNA is realized using a stirred solution at a potential

of 0.5 V vs. Ag/AgCl for a preset time that depends on DNA concentration. This

potential enhances the stability of the immobilized DNA through the electrostatic

attraction between the positively charged carbon surface and the negatively charged

hydrophilic sugar–phosphate backbone [24].

We used this immobilization approach in the development of a novel electro-

chemical DNA biosensor utilizing low molecular weight dsDNA isolated from

salmon sperm as a biorecognition layer immobilized onto a GCE surface

[41]. Such a biosensor was used for the high-throughput detection of dsDNA

damage caused by various organic xenobiotic compounds [41–43]. The whole

silver ink auxiliary
electrode

silver ink pseudo-
reference electrode

carbon paste 
working electrode

Fig. 1 Detailed pictures of the CFE (a) and the SPCE (b)
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preparation of this biosensor (involving removal of the previous dsDNA layer,

pretreatment of the regenerated electrode surface, and deposition of the new

dsDNA layer) takes no more than 5 min. This represents a significant shortening

of the preparation time in comparison to procedures employing the air-drying of a

DNA solution on the electrode surface [42]. Moreover, it allows an automatization

of measurement and processing of experimental data (Fig. 2) if the electrochemical

removal (desorption in a stirred solution at a potential of �0.5 V vs. Ag/AgCl) of

the previous dsDNA layer is used.

Another way to immobilize DNA by adsorption on an electrochemical trans-

ducer has been described [44, 45]. In this case, the DNA biosensor was prepared by

dipping a GCE in a DNA solution and leaving the electrode to dry. This sensor was

then used to preconcentrate nitroimidazole [44] or mitoxantrone [45] on the surface

and to study the interaction mechanism of these drugs with DNA by means of cyclic

voltammetry (CV), differential pulse voltammetry (DPV), and square-wave

voltammetry (SWV).

A different approach for immobilization of DNA is based on evaporation of a

small volume of DNA solution on the GCE surface [46]. We used this approach

during the preparation of the DNA-modified CFE [32], SPCEs [25, 47], or

SWCNTs/SPCEs [35]. Similarly, an electrochemical DNA biosensor has been

developed [48], based on DNA adsorbed on a polished basal plane pyrolytic

graphite electrode. An adsorptive method to immobilize DNA on the gold electrode

has also been reported [49, 50]. The gold electrode was modified by dropping a

small volume of DNA on its surface, followed by air-drying overnight and rinsing

to remove unabsorbed DNA.

On the other hand, DNA-modified mercury electrodes can be prepared easily by

immersing a hanging mercury drop electrode or a mercury film electrode into a drop

of the DNA solution. This approach requires less amount of DNA for analysis [51–

53]. DNA bases and nucleosides are strongly adsorbed at mercury electrodes.

Nucleosides possess an extraordinary ability of self-association (two-dimensional

condensation) at the surface of mercury electrodes and can form monomolecular

compact films. At high positive potentials, all DNA bases can react with mercury

electrodes, forming sparingly soluble compounds.

GCE
renewal

1 min

GCE
pretreatment

1 min

DNA
immobilization

1 min
DNA biosensor
incubation in

blank

DNA biosensor
incubation in

damaging agent
electrochemical
measurement

0.1 – 5 min

DNA biosensor preparation < 5 min

AUTOMATIZABLE PROCEDURE

Fig. 2 Working procedure diagram for the automatization of measurement using the

DNA-modified glassy carbon electrode (GCE)
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Nanostructured interfaces between the bare electrode and DNA, formed by

various nanomaterials such as gold nanoparticles and carbon nanomaterials (e.g.,

SWCNTs, multi-walled carbon nanotubes, carbon nanofibers, graphene, and

graphene oxide nanosheets) [54–63], represent another approach to the enhance-

ment of the biosensor response due to inherent electroactivity, effective electrode

surface area, etc. [35, 64]. Nanometer scale complex films of DNA, enzymes,

polyions, and redox mediators were suggested for tests of genotoxic activity of

various chemicals [65].

2.2 Detection Techniques

Voltammetric (especially CV, DPV, and SWV (Fig. 3a)) and chronopotentiometric

detection modes are most frequently used [31]. Together with them, electrochem-

ical impedance spectroscopy (EIS) (Fig. 3b) becomes to be very popular in the field

of DNA-based biosensors [67]. According to electrochemically active species,
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Fig. 3 (a) Baseline-corrected square-wave voltammograms recorded in 0.1 mol L�1 acetate

buffer of pH 4.8. Legend: (1) measured at a DNA-modified GCE after 5 min incubation of the

biosensor in 0.1 mol L�1 phosphate buffer (PB) of pH 7.0 and (2) measured at a DNA-modified

GCE after 5 min incubation of the biosensor in 0.1 mol L�1 PB of pH 7.0 containing 1� 10�5

mol L�1 2-aminoanthracene (AA); pG peak of a guanine moiety, pA peak of an adenine moiety,

pAA peak of intercalated AA. Experimental conditions: polarization rate 3 V s�1, pulse amplitude

0.04 V, frequency 200 Hz, potential step 0.015 V. Inset: the relative biosensor responses to DNA

damage caused by AA, evaluated from the changes in the height of the guanine (Ip,G) and adenine
(Ip,A) moiety peaks; the error bars are constructed for the significance level of 0.05 (n¼ 3)

[66]. (b) Nyquist plots in the presence of 1� 10�3 mol L�1 [Fe(CN)6]
4�/3� in 0.1 mol L�1 PB

of pH 7.0. Legend: (1) measured at a bare GCE, (2) measured at a DNA-modified GCE after 5 min

incubation of the biosensor in 0.1 mol L�1 PB of pH 7.0, and (3) measured at a DNA-modified

GCE after 5 min incubation of the biosensor in 0.1 mol L�1 PB of pH 7.0 containing 1� 10�5

mol L�1 AA. Experimental conditions: polarization potential 0.21 V vs. Ag/AgCl, potential

amplitude 0.01 V, frequency range 0.1–5,000 Hz (51 frequency steps). Inset: the relative biosensor
responses to DNA damage caused by AA, evaluated from the changes in the charge transfer

resistance (Rct) values; the error bars are constructed for the significance level of 0.05 (n¼ 3) [66]
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which responses are evaluated at the detection of damage to DNA, the experimental

techniques can be classified as follows [12]:

(a) Label-free and often reagent-less techniques which represent the work with no

additional chemical reagents (redox indicators, mediators, enzyme substrates,

etc.) needed to generate measured response

(b) Techniques which employ redox indicators either non-covalently bound to

DNA (groove binders, intercalators, anionic or cationic species interacting

with DNA electrostatically) or present in the solution phase (e.g.,

hexacyanoferrate anions ([Fe(CN)6]
4�/3�))

(c) Techniques which employ electrochemically active labels (nanomaterials,

enzymes, etc.) covalently bound to DNA (not frequently used in fundamental

investigations of DNA damage)

Combination of these principles allows obtaining more complex information on

DNA changes and damaging supramolecular interactions, as well [35, 68].

The first group of techniques utilizes surface activity or redox activity of DNA

itself [69]. The electrochemical activity is based on the presence of redox active

sites at nucleobases and sugar residues. Only DNA bases can undergo redox

processes at carbon and mercury electrodes. Deoxyribose and phosphate groups

are not electroactive. Electrochemical oxidation on carbon-based electrodes [70–

72] showed that all bases (guanine, adenine, thymine, and cytosine) can be oxi-

dized, following a pH-dependent mechanism. Electrochemical preconditioning of

the GCE enabled a better peak separation and an enhancement of the current of the

oxidation peaks for all four DNA bases in phosphate buffer (PB) of pH 7.4 (value

close to physiological pH) used as the supporting electrolyte [71].

Electrochemical reduction of natural and biosynthetic nucleic acids at a

dropping mercury electrode [1, 3, 73] showed that adenine and cytosine residues,

as well as guanine residues in a polynucleotide chain, are reducible. The CV of

DNA at a hanging mercury drop electrode showed a cathodic peak due to irrevers-

ible reduction of cytosine and adenine moieties. The reduction of the guanine

moiety occurs at very negative potentials, but a peak due to the oxidation of the

reduction product of the guanine moiety (7,8-dihydroguanine moiety) could be

detected in the reverse scan [3].

As both the electrochemical reduction and oxidation of DNA bases are irrevers-

ible, measurements cannot be performed repeatedly. Initial increase in the anodic

guanine moiety response after short-time incubation of the biosensor in damaging

agents can indicate opening of the original dsDNA structure, while decrease in this

response (Fig. 3a) is an evidence for the deep DNA degradation [68]. Decrease of

the anodic guanine moiety peak height or area relative to that yielded by intact

DNA was suggested as a measure representing degree of damage to this nucleobase

and proposed as a screening test for environmental pollutants present in water or

wastewater samples [9]. Some products of the DNA damage exhibit characteristic

electrochemical signals (e.g., anodic peaks of 8-oxo-7,8-dihydroguanine [25, 74]

and 2,8-dihydroxyadenine [75] moieties) which can be evaluated with better sen-

sitivity than the change in the original guanine moiety response.
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The second group of techniques employs electroactive compounds added to the

measured system and interacting with DNA non-covalently as its indicators (cat-

ionic indicators, intercalators, and groove binders). Decrease in the intercalator or

groove binder response indicates strand breaks and helix destruction. The redox

indicators may be also used as diffusionally free species present in the solution

phase. For instance, the [Fe(CN)6]
4�/3� anions indicate the presence of DNA layer

on the electrode surface on the basis of electrostatic repulsion between the indicator

anion and the negatively charged DNA backbone (Fig. 3b) [76, 77].

Moreover, the investigated xenobiotic compound itself can serve as a redox

indicator. While its peak potential is shifted in the positive direction when the

analyte binds to DNA by intercalation between the stacked base pairs of dsDNA,

the peak potential is shifted in the negative direction when the interaction with

DNA occurs by electrostatic attraction (interaction with the negatively charged

nucleic sugar–phosphate structure) [78]. Such approach was used in our recent

study [41] where the interaction between genotoxic 2-aminofluoren-9-one and

dsDNA was investigated by DPV (performed at the bare GCE when both dsDNA

and 2-aminofluoren-9-one were present in the measured solution). The intercalation

of 2-aminofluoren-9-one between the dsDNA base pairs was the predominant

supramolecular interaction observed.

2.3 Investigated Xenobiotic Compounds

There are thousands of organic compounds that bind and interact with DNA and can

cause serious human diseases. The factors that determine affinity and selectivity in

binding molecules to DNA need to be explained, because a quantitative under-

standing of the reasons that determine selection of DNA reaction sites is useful in

designing sequence-specific DNA-binding molecules for application in chemother-

apy and in explaining the mechanism of action of genotoxic compounds [31].

DNA damage induced by environmental pollutants (a lot of them are marked as

chemical carcinogens) (Table 1) is a major endogenous toxicity pathway in bio-

logical system [84]. Most of organic pollutants may not directly cause DNA

damage but their metabolized products by enzyme reactions are genotoxic and

may cause DNA lesions [25, 85]. Electrochemical DNA biosensors enabling

detection of such DNA damage could serve as a basis for in vitro genotoxicity

screening for new organic chemicals at an early stage of their commercial devel-

opment. For example, styrene is one of the most widely used industrial chemicals

and itself shows little genotoxicity [86]. However, after being metabolized by liver

cytochrome P450 enzymes, its oxidized product styrene oxide can induce DNA

damage by formation of DNA adducts [87–89]; styrene oxide is classified by the

International Agency for Research on Cancer (IARC) as a probable human carcin-

ogen (group 2A) [90].

In our paper [25], an electrochemical DNA biosensor based on an SPCE with an

immobilized layer of calf thymus dsDNA was used for in vitro investigation of the
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interaction between genotoxic nitro derivatives of fluorene (namely, 2-nitrofluorene

and 2,7-dinitrofluorene) and DNA. Two types of DNA damage were detected at the

DNA-modified SPCE: (1) caused by direct association of the nitrofluorenes, for

which an intercalation association was found using the known dsDNA intercalators

[Cu(phen)2]
2+ and [Co(phen)3]

3+ (phen stands for 1,10-phenanthroline) as compet-

ing agents, and (2) caused by short-lived radicals generated by electrochemical

reduction of the nitro group (observable under specific conditions only).

Similar investigation was performed in our study [32] where a novel

voltammetric DNA biosensor based on the CFE in the role of a transducer was

used for investigation of the interaction between model carcinogenic substance

Table 1 A survey of compounds investigated in the UNESCO Laboratory of Environmental

Electrochemistry using various electrochemical DNA biosensors in connection with DNA damage

Xenobiotic compound

Detection

technique Transducer Type of damage References

Chemical carcinogens

2,7-Diaminofluorene DPV, SWV GCE Intercalation [79]

SWV SPCE Intercalation [80]

2,7-Dinitrofluorene CV, DPV, SWV SPCE Intercalation [25]

2-Acetylaminofluorene DPV, SWV GCE Intercalation [79]

2-Aminoanthracene SWV, EIS GCE Intercalation [42]

2-Aminofluorene DPV, SWV GCE Intercalation [79]

CV, SWV CFE Intercalation [32]

CV, EIS CFE Intercalation [81]

SWV SPCE Intercalation [80]

2-Aminofluoren-9-one DPV, SWV GCE Intercalation [41]

2-Nitrofluorene CV, EIS GCE Intercalation [43]

CV, DPV, SWV SPCE Intercalation [25]

Anthracene SWV, EIS GCE Intercalation [42]

Fluorene CV, EIS CFE Intercalation [81]

Fluoren-9-one SWV SPCE Intercalation [80]

Drugs

Ellipticine CV CFE Intercalation [82]

Flutamide SWV, EIS GCE No damage

detected

[42]

NTMA SWV, EIS GCE No damage

detected

[42]

Thioridazine CV, SWV, EIS SWCNTs/

SPCE

Intercalation [35]

Reactive radical species

ROS (hydroxyl

radicals)

CV, SWV, EIS CFE Oxidative

damage

[83]

CV, SWV, EIS SWCNTs/

SPCE

Oxidative

damage

[35]

RNS (nitro radical

anions)

SWV SPCE Oxidative

damage

[25]
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2-aminofluorene (one of the most extensively studied examples of the aromatic

amine class of carcinogens) and calf thymus dsDNA. The layer of dsDNA

immobilized at the electrode surface was utilized as a biocomponent responsive

interface. The biosensor was characterized regarding the detection of DNA damage

(induced by direct interaction with 2-aminofluorene) using SWV responses of

the guanine and adenine moieties and CV responses of the anionic redox indicator

[Fe(CN)6]
4�/3� present in solution. The obtained results confirmed that the inter-

action of dsDNA with 2-aminofluorene caused dsDNA damage, leading to the

formation of strand breaks and desorption of DNA fragments from the electrode

surface.

A number of aromatic compounds induce oxidative DNA damage through the

generation of ROS. ROS produced in vivo react with DNA and its precursors

modifying them thus giving rise to the so-called oxidative stress. It is thought that

the modification of DNA (DNA lesions) leads to the formation of incorrect base

pairs (changes in the genetic information), which induces mutagenesis and carci-

nogenesis. Therefore, there is a deep interest in identifying free radical scavengers

or antioxidants that inhibit oxidative DNA damage. Owing to their polyphenolic

nature, flavonoids (compounds found in rich abundance in all land plants) often

exhibit strong antioxidant properties [91–95]. Initially, flavonoids were investi-

gated as potential chemopreventive agents against certain carcinogens. Previous

intake of a large quantity of flavonoid inhibited the incidence of ROS produced

damages to DNA. In sharp contrast with their commonly accepted role, there is also

considerable evidence that flavonoids themselves are mutagenic and have

DNA-damaging ability [31, 92, 93].

In agriculture, farmers use numerous pesticides to protect crops and seeds before

and after harvesting. Pesticide residues may enter into the food chain through air,

water, and soil. They affect ecosystems and cause several health problems to

animals and humans. Pesticides can be carcinogenic and cytotoxic. They can

produce bone marrow and nerve disorders, infertility, and immunological and

respiratory diseases [96]. Recently, an electrochemical DNA biosensor was devel-

oped to study DNA damage caused by several pesticides such as atrazine,

2,4-dichlorophenoxyacetic acid, glufosinate ammonium, carbofuran, paraoxon-

ethyl, and difluorobenzuron [97]. A biotinylated DNA probe was immobilized on

a streptavidin-modified electrode surface. This DNA probe was hybridized with

biotinylated complementary DNA target analyte. Streptavidin labeled with ferro-

cene was further attached to the hybridized biotinylated DNA. The close proximity

of ferrocene to the electrode surface induced a current signal. The presence of

pesticides caused an unwinding of the DNA and thus a decrease of the ferrocene

oxidation current observed in voltammetric experiments. Paraoxon-ethyl and atra-

zine caused the fastest and most severe damage to DNA [97].

The interaction of DNA with drugs (Table 1) is among the important aspects of

biological studies in drug discovery and pharmaceutical development processes

[98]. There are several types of interactions associated with drugs that bind to DNA.

These include intercalation, non-covalent groove binding, covalent binding (for-

mation of DNA adducts), DNA cleaving, or nucleoside analog incorporation.

Consequences of these binding interactions involve changes to both the DNA and
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drug molecules to accommodate complex formation. In many cases, changes to the

structure of the DNA duplex result in altered thermodynamic stability and are

manifested as changes in the functional properties of DNA [99]. Our study can

serve as an example [82] where the damaging effect of an anticancer drug

ellipticine was studied using CV performed at the DNA biosensor based on the

CFE in the role of a transducer. The observed extent of dsDNA damage increased

with the time of incubation of the biosensor in the solution containing ellipticine, as

well as with the concentration of ellipticine present in the incubation solution

(Fig. 4).

On the other hand, the investigated drug itself can successfully serve as a redox

indicator in the detection of DNA damage. In our paper [35], simple electrochemical

DNA biosensors composed of the SPCE and low molecular weight dsDNA recog-

nition layer were reported and applied to the detection of damage to DNA by UV-C

radiation and ROS produced by the Fenton-type reaction in model water samples, as

well as in mineral water samples with additives. Complex DNA biosensor response

was based on (1) SWV intrinsic signals of the guanine moiety, as well as that of the

intercalative indicator thioridazine (an antipsychotic drug belonging to the pheno-

thiazine drug group), (2) CV responses of the [Fe(CN)6]
4�/3� indicator in solution,

and (3) EIS responses of the same redox indicator. For the last two types of

measurements, the biosensor was also used with an interface between the SPCE

and dsDNA formed by a composite of carboxylated SWCNTs and chitosan to

enhance the transducer conductivity. Individual electrochemical/electrical signals
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Fig. 4 (a) The relative biosensor responses to DNA damage caused by ellipticine, evaluated from

the changes in the height of the anodic CV peak of 1� 10�3 mol L�1 [Fe(CN)6]
4�/3� in 0.1 mol L�1

PB of pH 7.2 before and after incubation of the DNA-modified CFE in 0.1 mol L�1 PB of pH 7.2

containing 5� 10�5 mol L�1 ellipticine for various times. (b) The relative biosensor responses to

DNA damage caused by ellipticine, evaluated from the changes in the height of the anodic CV peak

of 1� 10�3 mol L�1 [Fe(CN)6]
4�/3� in 0.1 mol L�1 PB of pH 7.2 before and after 5 min incubation

of the DNA-modified CFE in 0.1 mol L�1 PB of pH 7.2 containing various concentrations of

ellipticine. For both (a) and (b), the error bars are constructed for the significance level of 0.05

(n¼ 3) [82]
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depended on the time of the biosensor incubation in a cleavage medium and their

profiles characterized process of deep dsDNA degradation.

Also specific fraction of organic dyes (acridine, anthraquinone, etc.) belongs to

the group of DNA intercalators (compounds able to interact with DNA through

insertion of molecules with planar aromatic ring systems between DNA base pairs).

For instance, acridine dyes have demonstrated to present mutagenic, carcinogenic,

antibacterial, and antiviral properties [100]. Their similarity to several antibiotics,

such as daunomycin or actinomycin, makes them interesting model systems for

studying a variety of biophysicochemical problems [101]. Acridine derivatives

initially bind (prior their intercalation between base pairs) to the minor groove of

dsDNA through counterion displacement [102, 103].

Electrochemical DNA biosensors can be successfully used not only for the

investigation of mutual interactions between xenobiotic compounds and DNA but

also for the development of highly sensitive analytical methods utilizing a sponta-

neous accumulation of the analyte into the DNA structure (intercalation between

the dsDNA base pairs) to increase the sensitivity of the determination [104]. Such a

method was developed also in our laboratory for the DPV determination of

genotoxic anthracene [105]: the limit of quantification of anthracene at the bare

GCE was 2.2 μmol L�1, while the limit of quantification of 0.15 μmol L�1 was

reached at the DNA-modified GCE. The applicability of the method was further-

more successfully verified on model samples of gravel and sand, with the added/

found recoveries of 98% and 96%, respectively.

3 Conclusions

It has been shown in this chapter that the DNA-modified electrodes (electrochem-

ical DNA biosensors) already represent very effective and, at the same time, simple,

fast, inexpensive, miniaturized, and mass-producible analytical devices for evalu-

ation and classification of modes of genotoxic effects of individual xenobiotic

compounds (e.g., chemical carcinogens, pesticides, drugs, dyes, or reactive radical

species), as well as for prescreening of new drugs and newly synthesized chemicals.

Moreover, the evaluation of DNA protection capacity of various natural and

synthetic chemical substances (antioxidants) is also possible using the detection

of DNA damage caused by prooxidants.

It can be expected that, in a near future, complex biorecognition layers utilizing

various supramolecular interactions will be suggested to detect potentially risky

compounds and to improve further abilities of biosensors to detect damage to DNA.

The advanced level of medical and clinical diagnosis will be largely dependent on

the successful development and implementation of new materials and technologies

envisaging the fabrication of state-of-the-art biosensors. Attractive properties of

electrochemical devices are thus extremely promising for improving the efficiency

of environmental screening, diagnostic testing, and therapy monitoring.
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For instance, one of the most important directions in the prospective develop-

ment of DNA biosensors successfully applicable in practice can be seen in the

investigation of protective membranes, which prevent the biosensor surface from

unwanted fouling and interferences. One such an example is shown in our paper

[47] where novel electrochemical DNA-based biosensors with outer-sphere Nafion

and chitosan protective membranes were prepared for the evaluation of antioxidant

properties of beverages (beer, coffee, and black tea) against prooxidant hydroxyl

radicals.
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24. Paleček E, Fojta M, Tomschik M, Wang J (1998) Electrochemical biosensors for DNA

hybridization and DNA damage. Biosens Bioelectron 13(6):621–628. doi:10.1016/S0956-

5663(98)00017-7
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J (eds) Electrochemistry of nucleic acids and proteins – towards electrochemical sensors for

genomics and proteomics. Elsevier, Amsterdam, pp 74–174

70. Oliveira-Brett AM, Matysik FM (1997) Voltammetric and sonovoltammetric studies on the

oxidation of thymine and cytosine at a glassy carbon electrode. J Electroanal Chem 429

(1–2):95–99. doi:10.1016/S0022-0728(96)05018-8

71. Oliveira-Brett AM, Piedade JAP, Silva LA, Diculescu VC (2004) Voltammetric determina-

tion of all DNA nucleotides. Anal Biochem 332(2):321–329. doi:10.1016/j.ab.2004.06.021

Novel Electrochemical DNA Biosensors as Tools for Investigation and. . . 219

http://dx.doi.org/10.1016/s0003-2670(00)82902-5
http://dx.doi.org/10.1002/elan.1140080103
http://dx.doi.org/10.1016/s0003-2670(96)00551-x
http://dx.doi.org/10.1016/s0003-2670(96)00551-x
http://dx.doi.org/10.1002/elan.200403113
http://dx.doi.org/10.1002/smll.200500214
http://dx.doi.org/10.1016/j.trac.2005.11.008
http://dx.doi.org/10.1007/s00216-006-0314-8
http://dx.doi.org/10.1002/adma.200700665
http://dx.doi.org/10.1002/adma.200700665
http://dx.doi.org/10.1016/j.aca.2007.07.054
http://dx.doi.org/10.1016/j.snb.2006.11.016
http://dx.doi.org/10.1002/elan.200900571
http://dx.doi.org/10.1002/elan.200900571
http://dx.doi.org/10.1016/j.bios.2011.05.039
http://dx.doi.org/10.1016/j.bios.2011.05.039
http://dx.doi.org/10.1016/S1369-7021(11)70160-2
http://dx.doi.org/10.1016/S1369-7021(11)70160-2
http://dx.doi.org/10.2116/analsci.24.711
http://dx.doi.org/10.1016/s1389-1723(04)70195-4
http://dx.doi.org/10.1039/c1ay05403a
http://dx.doi.org/10.1016/S0022-0728(96)05018-8
http://dx.doi.org/10.1016/j.ab.2004.06.021
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Recent Advances in the Study

of Electrochemistry of Redox Proteins

Preety Vatsyayan

Abstract Redox proteins constitute a diverse class of proteins that facilitate the

chemical and biological processes which are otherwise thermodynamically chal-

lenging. Efficient catalysis, diversity of biotransformation, potent redox centres and

fast electron transport kinetics make these redox proteins an interesting target for

electrochemical investigation for both theoretical and practical implications. The

first and foremost requirement for electrochemical studies of redox proteins is to

create an environment where they could interact with the electrodes either directly

or via electron transport mediators. The last few years have seen a tremendous

development in this field ranging from the increase in diversity of redox proteins

that could possibly be studied electrochemically to their efficient immobilisation in

a variety of matrices especially nanomatrices. Major advances have also been made

in the area of characterisation of fabricated bioelectrodes by using different spec-

troscopic and microscopic techniques supplementing the electrochemical findings.

This chapter will focus mainly on the aforementioned recent developments in the

field of electrochemical studies of redox proteins and their applications for studies

of redox mechanism or as biosensors or biofuel cells.

Keywords Biofuel cell • Biosensor • Immobilisation • Protein structure–function •

Redox proteins
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Abbreviations

ACNTs Aligned carbon nanotubes

AFM Atomic force microscopy

ArO Arsenite oxidase

AuNPs/NWs Gold nanoparticles/nanowires

Az Azurin

CAT Large catalase

cbo3 Cytochrome bo3

CcO Cytochrome c oxidase

ChOx Cholesterol oxidase

CV Cyclic voltammetry

CYP Cytochrome P450

cyt c Cytochrome c

D/ET Direct/electron transfer

DDAB Didodecyldimethylammonium bromide

EFCs Enzymatic fuel cells

EIS Electrochemical impedance spectroscopy

FAD Flavin adenine dinucleotide

FT/IR Fourier transform/infrared

GCE Glassy carbon electrode

GOx Glucose oxidase

Hb Haemoglobin

HRTEM High-resolution transmission electron microscopy

hSO Human sulphite oxidase

ks/kET Electron transfer rate constant

M/SWCNTs Multi/single-walled carbon nanotubes

MP-11 Microperoxidase-11

MW Molecular weight

NADH Nicotinamide adenine dinucleotide

NapAB Nitrate reductase

NF Nafion®

PANI-NTs Polyaniline nanotubes

PEI Polyethyleneimine
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PFV Protein film voltammetry

PGE Pyrolytic graphite edge

QCM Quartz crystal microbalance

Rct Charge transfer resistance

SAM Self-assembled monolayer

SCE Saturated calomel electrode

SEM Scanning electron microscopy

SHE Standard hydrogen electrode

SPR Surface plasmon resonance

tBLMs Tethered bilayer membranes

1 Introduction

Redox proteins are a class of biological molecules responsible for many important

functions in living organisms. They act as mediators for electron flow to cover the

energy gap between source and sink in respiratory or photosynthetic chains,

e.g. cytochromes, plastoquinones, etc. [1]. Some of them act as biological catalysts

facilitating oxidation and reduction of a substrate or a group of substrates with the

addition or removal of a proton (H+) or electron (e�). Enzymes mostly included in

this class are dehydrogenases, oxidases, peroxidases, etc. which carry out reactions

ranging from oxidation of glucose to detoxification of xenobiotics inside the living

cells [2]. Another group of redox proteins is involved in transfer of O2 inside the

blood and muscles (e.g. haemoglobin and myoglobin). Thus redox proteins consti-

tute a diverse class of proteins that facilitate the chemical and biological processes

that are otherwise thermodynamically challenging. Most of these proteins contain

metals especially first-row transition metals alone or in a prosthetic group as their

redox-active centres, e.g. iron in cytochromes, copper in cupredoxins, zinc in

nucleases and transcription factors, etc. to name a few [3]. Sometimes they require

cofactors such as flavins or quinones as their redox partners, e.g. glucose oxidase

(GOx) and plastoquinone, respectively. Efficient catalysis, diversity of biotransfor-

mation, potent redox centres and fast electron transport kinetics make these redox

proteins an interesting target for electrochemical investigation for both theoretical

and practical implications [4–7].

The first and foremost requirement for electrochemical studies of redox proteins

is to create an environment where they could interact with the electrodes either

directly or via electron transport mediators. This could be achieved either in

solution or by confinement of proteins onto electrodes by immobilisation or wiring.

Although, electrochemical studies of redox proteins in solution are relatively

simple and have been practised since the 1970s [8, 9], they are mostly limited by

various factors, e.g. the tendency of proteins to adsorb and denature at electrode

surfaces, their diffusional limitation because of their large sizes compared to other

chemical molecules in the solution, slower in and out electron flow due to the

deeply buried redox centres inside the protein matrices and their dilution in solution
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compared to when they are confined to electrode surfaces. Immobilisation of redox

proteins for electrochemical studies is normally done to overcome the limitations

faced in solution studies. The immobilisation of proteins over electrodes also paves

the way towards their miniaturisation for practical applications such as biosensors

or biofuel cells. The recent studies related to electrochemistry of redox proteins

largely focus on their immobilisation in suitable matrices or wiring over the

electrode surfaces to maintain their structural integrity and orientation for stable

and efficient electron transfer [10, 11].

The field of electrochemical studies of redox proteins from its theory to appli-

cation has been extensively reviewed and documented since its inception in 1970s

[4–7, 12–19]. The last few years have seen a tremendous development in this field

ranging from the diversity of proteins (small to large, monomeric to multimeric,

cytoplasmic to membrane bound, simple to complex) that could possibly be studied

electrochemically to their efficient immobilisation in a variety of matrices espe-

cially nanomatrices. Major advances have also been made in the areas of charac-

terisation of fabricated bioelectrodes and their applications for studies of redox

mechanism or as biosensors or biofuel cells. This chapter will focus mainly on the

aforementioned recent developments in the field of electrochemical studies of redox

proteins with a brief discussion over the theory and instrumentation required to

understand the context.

2 Instrumentation/Theory

Electrochemical study of redox proteins starts with the selection of an electrode/

transducer surface that can act as a source/sink for electrons in the redox cycle. It

also provides a surface for capturing redox proteins in protein film voltammetry

(PFV) or for modification by different techniques of protein immobilisation. The

electrode material should be chemically inert, non-toxic to biological processes and

conductive to support efficient electron transfer. The commonly used electrodes for

protein electrochemical studies are either metallic (Au, Pt, Ag) or made up of

carbon (graphite, glassy carbon, etc.) [12, 20]. Metal surfaces especially gold are

frequently used on which a monolayer of adsorbate can easily be self-assembled

(SAM). The adsorbates are usually bifunctional molecules such as X-(CH2)n-Y,

where X is a substituent that anchors the molecule on the metal electrode surface

(e.g. a thiol) and Y is a functional group (typically carboxyl for basic proteins like

cytochrome c or amine for acidic proteins such as plastocyanin or ferredoxins)

which forms amide bonds with proteins via carbodiimide coupling. Other metals

such as platinum, silver and sometimes nickel are also used as electrode materials.

Graphite is also among the most frequently used electrode materials on which rapid

and reversible electrochemistry of redox proteins is often observed even without

surface modifications. One such graphite electrode is pyrolytic graphite (PG) which

is formed by the deposition of carbon from the vapour phase and has a crystalline

structure. It provides two highly distinctive types of surfaces depending upon the
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plane along which it is cleaved – edge or basal. Edge or basal plane PG electrodes

provide surfaces for hydrophilic or hydrophobic interactions, respectively. The

electrode surfaces can also be modified to provide other functional groups for

protein cross-linking or adsorption.

The electrochemical experiments of redox proteins are usually carried out using

an electrochemical analyser or potentiostat in conjunction with the cell. The cell

consists of mainly three electrodes: reference, working and auxiliary or counter

electrode. The analyser measures the current registered in response to the potential

that is applied. In general, the potential of the working electrode (vs. the reference

electrode) is modulated (e.g. in a linear sweep), and the current between the

working electrode and the counter electrode is recorded. It is the working electrode

where the redox protein is immobilised and/or its redox properties are studied.

Cyclic voltammetry (CV) is the most popular method for studying redox protein

electrochemistry. The electrode potential is swept forward and backward with a

scan rate (in units of V s�1), and a voltammogram is generated which is a plot of

current against electrode potential. CV is extensively used to evaluate the electron

transfer properties of redox proteins for their thermodynamic, kinetic and mecha-

nistic information. Ideally at slow scan rates for thin film of proteins over the

electrode, the CVs are predicted to have symmetric oxidation and reduction peaks

with both peak potentials at the formal potential (E�0), and the oxidation–reduction

peak separation (ΔEp) equals to zero. The surface coverage (Γ) of redox protein

over the electrode is described by the equation, Γ¼Q/nFA, where Q is charge

obtained by integrating the peak current area, n is number of electrons transferred,

F is Faraday’s constant and A is the electrode area. When the ideal thin-layer

protein film model is followed, results of ΔEp vs. scan rate can be used to estimate

the surface electron transfer rate constant ks (s
�1) [16, 20, 21].

Electrochemical impedance spectroscopy (EIS) is a valuable tool for

characterising surface modifications during immobilisation of biomolecules over

the transducer surface [22]. The biological component is generally immobilised on

the working electrode with layer/s of immobilisation matrix. This alters the resis-

tive or capacitive properties of the electrode. For EIS studies, a low-amplitude AC
potential is applied through the cell, and the interaction of modified electrode with a

redox analyte in the solution is measured over a wide range of frequencies to

generate an impedance spectrum. The data can be plotted in different forms such

as Nyquist plot, Cole–Cole plot, etc. The immobilisation layers over the working

electrode result in a well-defined charge transfer resistance Rct or impedance Z,
e.g. a blocking layer will cause increase in Rct and vice versa.

Catalytic protein voltammetry and chronoamperometry are generally used to

characterise the electrochemical activity of redox proteins [16, 20]. In the absence

of substrate and at sufficiently high surface coverage, a redox protein immobilised

onto an electrode gives peak-like signals resulting from the reversible transforma-

tion of its redox centres. However, upon addition of substrate, the non-turnover

peaks are transformed to sizeable catalytic waves. Reaction with substrate trans-

forms the active site, which is regenerated by electron exchange with the electrode

in a succession of catalytic cycles. The magnitude of the current is proportional to
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electroactive coverage and to turnover rate, and so the relationship between poten-

tial and catalytic activity is traced in a single voltammetric experiment. Alterna-

tively, in an experiment called chronoamperometry, the electrode potential is held

at a fixed value, and the current is recorded as a function of time with increasing/

decreasing substrate/inhibitor concentrations.

Besides above-mentioned classical electrochemical techniques, many other

microscopic and spectroscopic techniques are routinely used for bioelectrode

characterisation which help to fortify the electrochemical findings. Microscopic

techniques especially atomic force microscopy (AFM), scanning electron micros-

copy (SEM), transmission electron microscopy (TEM), etc. are largely used to

image surface topography of electrodes after immobilisation of redox proteins in

different matrices [23–25]. Electronic absorption spectroscopy has been used for

long time to study redox protein interactions with immobilisation matrices

[26, 27]. Recently different forms of vibrational spectroscopy such as infrared

(IR), Raman, etc. are used frequently to characterise immobilisation matrices and

to study their interactions with redox proteins [25, 26]. With the onset of the use of

nanomaterials such as gold nanoparticles (AuNPs), it is now possible to character-

ise the AuNP-modified redox proteins or electrodes with surface plasmon resonance

(SPR) [28]. Gravimetric technique like quartz crystal microbalance (QCM) is used

to calculate the surface coverage of immobilised redox proteins over the electrode

by measuring the change in frequency of crystal [24]. Elaborating on the principles

of all these techniques is out of context for this chapter, but their usages for

bioelectrode characterisation or as supporting evidence for electrochemical studies

have been included wherever applicable in the following sections.

3 Immobilisation of Redox Proteins

Proteins being biological macromolecules are highly sensitive to rapid denaturation

once isolated from the natural environment/living cells and have a small shelf life in

solution at room temperature. The effect of immobilisation on improvement of

enzyme activity, stability and selectivity has long been established for industrial

applications and has been reviewed [29]. For electrochemical studies also

immobilisation of redox proteins over electrode surfaces helps to overcome many

of the limitations faced in solution studies. Many a times, immobilising a redox

protein on an electrode is the only way to study them electrochemically. Besides,

immobilisation of proteins also enhances the probability of electrodes to act as their

redox partners for direct electron transfer (DET) which helps in better understand-

ing of protein electrochemistry. Although, it adds additional steps to find suitable

matrices and to develop strategies for immobilisation of different proteins that

provide maximum stability and efficiency over the electrode surfaces, the benefits

achieved later make it worth pursuing. Most of the immobilisation techniques

discussed here facilitate direct electron transfer between redox proteins and

electrodes.
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3.1 To Mimic the Natural Environment

Immobilisation of proteins in suitable matrices sometimes mimics their natural

environment and enhances their structural and functional stability. Membrane-

associated proteins form a large class of redox proteins and are frequently involved

in respiratory electron transport chains and photosystems besides other functions in

living cells. They are usually large in size with hydrophobic patches and tend to lose

their structural integrity and activity once brought into the solution [30]. As a result,

the electrochemical studies with membrane proteins especially integral membrane

proteins have made significantly less progress compared to globular proteins.

Lipid films are widely used to mimic the bilayer structure of membrane over the

electrodes for immobilisation of membrane-associated redox proteins. They impart

structural stability and also preserve the conformational freedom of macromole-

cules for their function [31, 32]. Besides, lipid films also protect the solid support

from undesirable interferences and thus minimise redox processes at the electrode

surface. The power of lipid films was realised long back when a reversible electro-

chemistry for cytochrome P450cam was observed for a month with only 10%

decrease in activity after immobilisation in dimyristoylphosphatidylcholine

(DMPC) films [33]. In solution the activity degraded completely in less than a

day. The redox proteins can be incorporated into the lipid films either by dissolution

of the protein molecules in the lipid solution from which the film is prepared or by

immobilisation of the protein on the lipid film surface.

A recent review by Khan et al. [34] provides detailed insight into the engineering

of lipid bilayers over different electrode materials for protein immobilisation and

their electrochemical studies. Jeuken [31] summarised different strategies for

bilayer assembly over metal (gold and silver) or graphite electrodes for electro-

chemical studies of cytochrome c oxidase (CcO), a representative protein for

integral membrane-bound proteins. CcO was incorporated either into a hybrid

bilayer membrane (consisting of SAM of alkane thiols over a metal electrode and

a phospholipid monolayer) or in a pure phospholipid bilayer. The pure phospholipid

bilayer was either directly adsorbed on the electrode or tethered to the electrode

surface with lipid thiols (tethered bilayer membranes, tBLMs). In another approach,

histidine-tagged CcO was tethered to the electrode by Ni–nitrilotriacetic acid (thiol

modified) affinity system, and then the phospholipid bilayer was reconstituted

around the tethered protein. In hybrid bilayer and directly adsorbed lipid bilayer,

the thin water layer between electrode and bilayer was not sufficient to prevent

direct interaction of transmembrane proteins with electrode surface resulting in

their direct adsorption at the electrode and denaturation [34]. In case of tBLMs, the

space between the electrode and the lower leaflet of lipid bilayer was used for the

incorporation of a hydrophilic spacer. The spacer in turn avoided the direct inter-

action of proteins with the electrode surface and their subsequent denaturation.

The tBLM approach was successfully used to immobilise cytochrome bo3

(cbo3), a ubiquinol oxidase from Escherichia coli [35]. The tBLM was formed on

gold surface functionalised with cholesterol tethers which inserted itself into the
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lower leaflet of the membrane (Fig. 1A). 6-Mercaptohexanol was used as the

hydrophilic spacer. The planar membrane architecture was formed by self-

assembly of proteoliposomes, and its structure was characterised electrochemically

by EIS. Normally, the double-layer capacitance of an ideal phospholipid bilayer

should be around 0.5 μF cm�2. A drastic increase in the capacitance is generally

caused by some disorder or defect in the bilayer. Incorporation of a protein also

increases the capacitance values, as a result of the higher dielectric constant and

disorder in the bilayer. As shown in Fig. 1B, the double-layer capacitance of the

tBLMs on gold electrode was around 0.7–0.8 μF cm�2 which was only slightly

larger than that of the ideal and was almost the same both in the absence (figure not

shown) and presence of cbo3. These results showed that the inclusion of cbo3 had

almost no effect on the double-layer capacitance of the tethered membrane and did

not induce large defects in the tethered bilayer. The functionality of tBLM-

immobilised cbo3 was investigated by CV and was confirmed by catalytic reduc-

tion of O2.

Surfactant cast films are also one of the frequently used immobilisation tech-

niques for membrane-bound redox proteins. Surfactants are surface-active agents

with a charged or polar head group and a nonpolar tail similar to naturally occurring

lipids. Stable films can be cast from surfactants that are insoluble in water and do

not form micelles. Molecules fulfilling these requirements have ionic or zwitter-

ionic head groups and two or more hydrocarbon tails of 12 carbons or longer,

e.g. didodecyldimethylammonium bromide (DDAB), dihexadecylphosphate

(DHP), sodium dodecyl sulphate (SDS), etc. Similar to the incorporation of protein

in lipid films, the redox protein is either taken up by the surfactant film already

casted on the electrode or a mixture of protein and surfactant is co-casted on the

electrode.

The discussion over electrochemical studies of membrane-bound redox proteins

is incomplete without a mention of cytochrome P450 (CYP). CYP is one of the

most important redox proteins which needs to be studied electrochemically for both

Fig. 1 (A) Schematic representation of a tBLM formed on a mixed self-assembled monolayer of

tether (cholesterol) and spacer molecules (6-mercaptohexanol). (B) Cole–Cole plots for cbo3

before and after formation of a tBLM measured at 0 V vs. SCE. Adapted with permission from

[35]. Copyright (2006) American Chemical Society
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theoretical and practical applications. It is a class of monooxygenase enzymes

which are used for synthesis of industrially important compounds as well as for

detoxification of drugs and xenobiotics [36]. Thus it has both industrial and

pharmaceutical applications. However, multiple attempts to replicate this enzyme

system in vitro have been only marginally successful owing to the structural

instability of CYP after membrane solubilisation and the intricate electron transfer

machinery required for its catalysis. Although, the electrochemical methods are

perhaps the simplest way of providing reducing equivalents to the catalytic cycle of

CYP [37], the immobilisation of CYP over electrodes to retain its functional

activity still remains tricky. Udit et al. [26] reported electrochemical measurements

of CYP BM3 (from Bacillus megaterium) in DDAB surfactant films on basal plane

graphite electrodes. At slow scan rates, a well-defined, chemically reversible redox

couple centred at �260 mV (vs. saturated calomel electrode, SCE) was observed.

This redox couple was assigned to the heme FeIII/II process. Thus, DDAB films

facilitate electronic coupling between heme proteins and electrodes for direct

electrochemistry. However, electrode-driven oxidative substrate catalysis was not

observed, possibly due to conversion of P450 into P420 like structures in DDAB

films. Recently, the same group used DDAB films for the electrochemical studies of

full-length mammalian microsomal CYP 2B4 [27]. The studies of CYP BM3 and

CYP 2B4 provide a great insight into understanding the redox behaviour of heme

proteins inside the DDAB films.

3.2 To Impart Operational Stability

The shelf life of proteins in solution is short as their stability is affected by various

factors once they are isolated from the living cell. The major factors affecting

protein stability in solution are aeration, pH, ionic strength, temperature, proteolysis

or denaturation by exposure of protein to unsterile surfaces, etc. During electro-

chemical studies the protein in solution is exposed to many such physical and

chemical denaturants. These factors cause rapid denaturation of proteins in solution

and their reusability is further limited. It has been shown by many researchers that

immobilisation of proteins in suitable matrices over electrodes reduces such effects

and contributes towards the stability of proteins and their reusability [29].

Mesoporous or macroporous matrices often provide a suitable environment for

immobilisation of proteins over electrodes. They are highly ordered porous thin

films coated over the electrodes with pore sizes ranging from micrometres

(macroporous) to few nanometres (mesoporous) where protein could either be

adsorbed or cross-linked. Immobilisation of redox proteins into these pores pro-

vides them with much desired mechanical stability besides hindering their direct

interaction with some of the physical denaturants such as gas bubbles, unsterile

surfaces, etc. One of the important characteristics of porous materials is their high

surface area/volume ratio that provides more loading space for proteins compared

to flat electrode surfaces. Large surface area also favours the interaction with
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external reagents. Electrically conducting porous materials (metals, carbon) con-

tribute to increase the electroactive surface by several orders of magnitude thereby

increasing the sensitivity of the resulting device. Semiconducting or

non-conducting materials, such as metal oxides or organically modified ceramics

or silica, are also attractive, especially in combining the mechanical stability of a

rigid inorganic matrix with desired chemical reactivity.

Different strategies are used to generate such organised porous films on elec-

trode surfaces. One strategy involves the use of nanomaterials as the building

blocks and their self-assembly over electrodes. The other strategy is the generation

of continuous nanostructured phases by a template route. Walcarius and Kuhn [38]

reviewed the strategies involved in the generation of highly ordered mesoporous

and macroporous thin films via template formation. The templates for the deposi-

tion of these films are made up of silica, latex or surfactants. Silica or latex

templates over electrodes are formed either by self-assembly after evaporation of

solvents or by dipping them in the solution so that a film could form over time. A

derivative of Langmuir–Blodgett technique is also used where the micelles are first

formed at the air–water interface of solution which are then transferred onto the

electrodes. Once formed they are filled with conducting materials like carbon, metal

or polymers by electrodeposition or electropolymerisation. The templates are later

dissolved by HF or organic solvents to leave highly ordered, interconnected

mesoporous or macroporous films over the electrodes where the redox proteins

are then immobilised. Surfactant templates are generally prepared by sol–gel

method where the metal, metal oxide or silica precursors are dissolved in

surfactant–solvent mixture and are then deposited on the electrode either by

evaporation (evaporation-induced self-assembly, EISA) or by electrodeposition

(electro-assisted self-assembly, EASA) to produce mesoporous thin films.

For biological applications requiring protein immobilisation, macroporous struc-

tures are favoured as they correlate well with the protein dimensions. Proteins could

be easily immobilised over the walls of the pores and would not block the connec-

tions and thus the flow of analytes and reagents. However, in mesoporous structures

which have few nm pore dimensions, the immobilisation of proteins (which are

usually bigger than the size of these pores or interconnections) would clog them

causing the obstruction for the analyte flow and conductivity. Szamocki et al. [23]

used macroporous gold electrodes for immobilisation of GOx and glucose dehy-

drogenase (GDH) for glucose sensing. The silica templates were built by

Langmuir–Blodgett technique on flat cysteamine-modified gold electrodes. After

electrodeposition of gold, the silica template was dissolved by 5% HF. The

enzymes were then immobilised into the pores of the macroporous gold electrode

either by glutaraldehyde cross-linking or by incorporation in an electrodeposition

paint. Figure 2A and B shows the hexagonal arrangement of pores in the

macroporous gold electrode. For the modification with biomolecules, especially

proteins, it is very important that the interconnections between the pores are big

enough to allow the large molecules to enter the pores where they can be

immobilised. Earlier experiments with CV of similar substrate showed that the

active surface area is highly increased compared to the geometrical surface area of
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the electrode [39]. Although this provided an indirect evidence for the intercon-

nections, to establish this fact directly and to characterise the pore dimensions,

focused ion beam tomography (FIB) was used. A real 3D structure (Fig. 2C) was

obtained by the reconstruction of the structure from a series of SEM images of

slices cut by a focused ion beam. The figure clearly shows that every pore is

connected to the neighbouring pores. From this reconstruction, it was possible to

quantitatively determine the distribution of diameters of the pores and their inter-

connections. For a macroporous electrode with a pore diameter of 1,100 nm, the

average diameter of interconnection was about 300 nm with a minimum of 200 nm.

Since enzymes have a typical diameter of 20 nm, these interconnections were large

enough to allow a good penetration of the enzyme and the entire internal surface to

be electrochemically active.

In the same work, the effect of pore layers on sensitivity of glucose detection was

also established. It was shown that for electrodes with a higher number of pore

layers, thus with higher active surface area but equal geometrical area, the signal for

any glucose concentration was higher. This led to higher saturation current for the

electrode that could easily be increased by two orders of magnitude. This behaviour

was based on the fact that on a porous electrode more glucose receptors per square

centimetres were available and therefore saturation was reached only at higher

concentrations. The signal difference for concentration steps in the low concentra-

tion region was higher for electrodes with a higher number of pore layers, and thus

the sensitivity and the lower detection limit were also improved. When compared to

a flat electrode, for an electrode with 5½ pore layers, the saturation current

increased from 2.42 to 46.5 μA, the apparent Michaelis–Menten constant increased

from 4.9 to 9.4 mM and the sensitivity increased from 107 μA mol�1 cm�2 to

1.85 mA mol�1 cm�2. The so prepared glucose sensors also showed a higher

storage and operational stability when compared to the flat electrodes. The signal

for glucose sensing was observed for a month with a gradual decrease of around

30% over a period of 7 days when stored at 4�C in Tris buffer.

Fig. 2 (A) SEM image of a macroporous electrode (top view) with a pore diameter of 680 nm and

a thickness of the porous gold of 3½ pore layers. (B) Magnification of the locally ordered domains.

(C) FIB tomography of a macroporous electrode with a diameter of 1,100 nm and a thickness of

the porous gold of 1½ pore layers. The 3D image has been obtained by the reconstruction of the

air-filled zones in a series of SEM images cut by a focussed ion beam every 50 nm. The substrate

oriented view is shown. Adapted with permission from [23]. Copyright (2007) Elsevier
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In another work, a direct electron transfer of haemoglobin (Hb) was achieved by

adsorbing the protein in the pores of a similarly synthesised highly ordered

macroporous gold electrode prepared via silica template [40]. Its interconnected

macroporous structure, containing AuNPs, significantly enhanced the amount of

adsorbed Hb molecules at the monolayer level with an observed surface coverage of

88.1%. The uniform, three-dimensional macroporous gold also provided superior

conductivity and higher stability to protein by providing a good microenvironment

for retaining the biological activity of the adsorbed protein.

Ionic polymer films are one of the frequently used matrices for immobilisation of

redox proteins over the electrodes. The ionic interactions of polymer films with

proteins and electrodes stabilise the protein inside the matrix over the electrode

surface, thereby increasing the operational stability of the resulting device. Such

ionic interactions facilitate direct electron transfer between protein and electrode

and also their interaction with reaction analytes. Some of the ionic polymers used

for film formation are polyethyleneimine (PEI), polydiallyldimethylamine

(PDDA), polystyrene sulphonate (PSS), etc. Stable polyionic polymer-protein

films are constructed by the layer-by-layer electrostatic adsorption method

[41]. The layer-by-layer method involves alternately adsorbing ionic macromole-

cules of different charges onto a surface, so that at each adsorption step, the outer

layer has excess charge density enabling subsequent adsorption of a new layer of

the opposite charge, thereby stabilising the whole matrix ionically. Most enzymes

in these films retain high activity. This method is general and versatile and allows

the film architecture to be controlled according to desired specifications. Most of

the earlier electrochemical experiments with redox proteins used cytochrome c (cyt

c, molecular weight, MW ~12 kDa) or other small-sized proteins as their model

compounds because of their ease of handling and possibility for DET with the

electrode. Electrochemical studies with bulky proteins with deeply buried redox

centres were consciously avoided for their anticipated inability to interact directly

with the electrodes. However, with the onset of development of various efficient

immobilisation techniques lately, it is now possible to successfully study the

electrochemistry of such bulky proteins too. In one such attempt, layer-by-layer

electrostatic assembly technique was used for the immobilisation of large catalase

(CAT, subunit MW ~90 kDa), a bulky tetrameric heme enzyme isolated and

purified from Aspergillus terreus MTCC 6324 [42]. Figure 3A shows a schematic

representation of the steps involved in the assembly of the bioelectrode, where CAT

was adsorbed over multi-walled carbon nanotube/Nafion® (MWCNT/NF)

nanocomposite coated on a glassy carbon electrode (GCE). Polycationic polymer

PEI was used to encapsulate the assembly. The resulting bioelectrode was

characterised by EIS (Fig. 3B). The spectra were presented in the form of Nyquist

plots (where Zre is the real and Zim is the imaginary part of impedance) and were

overlaid to pinpoint the differences in Rct with subsequent modification layers.

Interestingly, the addition of PEI layer decreased the overall Rct of GCE/MWCNTs-

NF/CAT assembly from about 500 to 280 Ω. As shown in the scheme (Fig. 3A), the

PEI layer neutralised the negative charge density developed by the composite

MWCNTs-NF/CAT (pI 4.2) and thereby reduced the charge repulsion between
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the negatively charged NF and CAT resulting in decrease of the overall Rct of the

bioelectrode. The ionic interactions of PEI layer also facilitated the direct electron

transfer between the enzyme and the electrode as shown by CV experiments (not

shown here). A pair of nearly reversible CV peaks for FeIII/II couple with E�0 of
about �0.45 V (vs. Ag/AgCl electrode at pH 7.5) was obtained for the CAT. In the

same work, the effect of encapsulating layer of PEI on the stability of CAT

bioelectrode was also accessed. A considerably high storage and operational sta-

bility were recorded for PEI-coated bioelectrode. The CAT activity was completely

lost within 48 h without PEI compared to 75% of residual activity when encapsu-

lated with PEI. The ionic interactions and encapsulation provided by PEI stabilised

the charge density on enzyme nanocomposite assembly and prohibited the leaching

of surface-bound enzyme in solution.

3.3 To Enhance the Electron Transfer Efficiency

Most of the redox proteins have their active centre deeply buried inside the protein

matrix which slows down or sometimes insulates the transfer of electrons from

protein to the electrode. As per the classical Marcus theory for the monolayer redox

couple [Eq. (1)] [16, 43, 44], kET decreases exponentially with the distance of

electron transfer, d, where k0 is the electron transfer rate constant at the distance of

closest contact d0:

Fig. 3 (A) Schematic representation (a) bare GCE, (b) GCE/MWCNT-NF, (c) GCE/MWCNTs-

NF/CAT and (d ) GCE/MWCNTs-NF/CAT/PEI and (B) EIS for layer-by-layer fabrication of CAT

bioelectrode. Adapted with permission from [42]. Copyright (2010) Elsevier
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kET ¼ k0exp β d � d0ð Þ½ � ð1Þ

Since, in redox protein electrochemistry, electrode and the protein redox centre are

usually considered as a donor–acceptor pair, the distance or spatial separation of the

protein redox centre from the electrode by means of the protein shell prohibits the

direct electrical communication between the redox site and the electrode.

Mediated electrochemistry by wiring of redox proteins to electrodes via soluble

mediators, redox metallopolymer hydrogels or conducting polymers are extensively

used to overcome electron transfer barrier between redox proteins and electrodes.

Mediators which could diffuse inside the protein matrix such as ferrocene deriva-

tives, quinones, synthetic or semi-synthetic cofactors (NADH, microperoxidases,

etc.), organic salts and metal bipyridine complexes have been used to shuttle

electrons from proteins to electrodes [9]. Redox metallopolymers are also used as

electron bridges between electrodes and redox centres of enzymes. The redox

polymers are usually soluble in water and contain hydrophobic, charged or

hydrogen-bonding domains, so that they can form complex with the protein and

penetrate deeply into the buried redox cofactor centre to facilitate electron transfer.

In addition, the polymers are also able to achieve a three-dimensional network that

allows rapid diffusion of the substrate and fast charge transport. OsIII/II redox

hydrogels such as poly(vinylpyridine)-[bis(2,20-bipyridine)chloroosmium]+/2+,

poly(vinylimidazole) complex of [bis(2,20-bipyridine)chloroosmium]+/2+, polyvi-

nyl imidazole complex of [(Os-4,4-dimethyl-2,2-bipyridine)Cl]2+/+, poly

(allylamine) with attached ferrocene (PAA–Fc), poly(N-isopropylacrylamide-co-

vinylferrocene) polymer, etc. were used extensively to mediate GOx and peroxi-

dase electrochemistry [16, 41]. In one of the recent studies, Plumeré et al. [45]

immobilised an O2-sensitive hydrogenase in the viologen-functionalised redox

hydrogel film on the electrode surface. Under pure H2 atmosphere, the polymer/

hydrogenase-modified electrodes displayed stable catalytic currents. The catalytic

wave for H2 oxidation was centred on viologen redox couple (EV++/V+•¼�0.3 V

vs. standard hydrogen electrode, SHE), demonstrating that the viologen moieties

were exclusively responsible for ET from the hydrogenase to the electrode. Inter-

estingly, the integration of the O2-sensitive hydrogenase into the viologen-based

redox polymer film also protected the enzyme from O2 damage and high-potential

deactivation thereby increasing the operational stability of the enzyme. Electron

transfer between the polymer-bound viologen moieties controlled the potential

applied to the active site of the hydrogenase and thus insulated the enzyme from

excessive oxidative stress. Under catalytic turnover, electrons provided from the H2

oxidation reaction induced viologen-catalysed O2 reduction at the polymer surface,

thus providing self-activated protection from O2. The advantages of this tandem

protection were demonstrated using a single-compartment biofuel cell based on an

O2-sensitive hydrogenase anode and H2/O2 mixed feed. Conductive polymers such

as polypyrrole (PPy), polyaniline (PANI), polythiophene and polyindole are also

used to wire redox proteins to the electrodes for their electrochemical studies. They

can be grown on electrode surfaces by electrochemical polymerisation. Film
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thickness can be controlled by the amount of charge consumed during electropo-

lymerisation. The resulting polymers sometimes also exhibit low interference in

sensor applications resulting from size exclusion. Redox proteins can be entrapped

into the polymer network during electropolymerisation. The high inherent electron

conductivity of these polymers has fostered their use as molecular wires to shuttle

electrons between the redox-active sites of the proteins and electrodes. Recently

many authors have extensively reviewed the use of conducting polymers for

electrochemical studies of redox proteins directed towards their biosensing appli-

cations [46–48]. Although the different mediators discussed so far have been

successful in establishing ET communication between the redox centres and elec-

trodes, the bioelectrocatalytic features of the resulting enzyme electrodes represent

the collective properties of numerous configurations of enzyme molecules of

variable degrees of loading with electron mediator groups that reach a variety of

orientations in respect to the conductive support. These difficulties limit the ET

communication of the biocatalysts and the conductive supports, as compared to the

ET efficiency between the enzyme redox sites and their natural ET substrates or

cofactors. Besides, mediated electrochemistry suffers from its own limitations

where the electrochemistry of mediators usually predominates and provides only

indirect information about the protein electrochemistry or its electrocatalytic

activity.

Reconstitution of redox proteins over their natural cofactors wired to the elec-

trode via different approaches provides an interesting alternative for enhancing the

electron transfer efficiency between redox proteins and electrodes. Willner and

co-workers [17, 49] have extensively worked and reviewed this approach for both

the fundamental understanding of electron transfer and their applications for bio-

sensor and biofuel cell. The reconstitution method involves the exclusion of the

native active centre from the protein, for example, an ion or a cofactor, to yield the

respective apoprotein (or hollow protein). The redox-active ion or cofactor is then

wired on the electrode. The reconstitution of apoprotein around wired cofactors

allows the direct electrical contact of protein to the electrode. A volume of work has

been done mainly with GOx and iron-containing proteins by first removing their

flavin adenine dinucleotide (FAD) cofactor or heme prosthetic group, respectively,

and then wiring them to the electrode via a molecular relay, conducting polymer or

some nanotechnological means and reconstituting the apoprotein around them.

In one of the representative work, Patolsky et al. [24] demonstrated the recon-

stitution of apo-GOx on FAD cofactor electrically contacted to the electrode via

single-walled carbon nanotubes (SWCNTs), which act as conductive nanoneedles

that electrically wire the enzyme redox-active site to the transducer surface

(Fig. 4A). Before immobilisation, the commercially obtained SWCNTs were

chemically shortened by treatment with strong acids. The formation of carboxylic

(and phenolic) groups at the nanotube ends (and sidewall defect sites) as a result of

acid treatment allowed the covalent immobilisation of the SWCNTs on thioethanol/

cysteamine-modified Au electrode in the presence of the coupling reagent 1-ethyl-

3-(3-dimethylaminopropyl)carbodiimide hydrochloride (EDC) as depicted in

Fig. 4A. The incorporation of 2-thioethanol in the mixed monolayer prevented
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the nonspecific (as well as horizontal) adsorption of the surfactant-protected

SWCNTs onto the electrode surface. The amino derivatives of the FAD cofactor

were then coupled to the carboxyl groups at the free edges of the standing SWCNTs

(after wall protection in the presence of surfactants Triton X-100 and PEG,

MW¼ 10,000). Apo-GOx was then reconstituted on the FAD units linked to the

ends of the standing SWCNTs. The pretreatment of the SWCNT monolayer with a

mixture of the surfactants prior to the binding of FAD units and reconstitution with

apo-GOx was found to be an essential step to generate a bioelectrocatalytically

active interface, with the enzyme specifically coupled to the SWCNTs’
FAD-modified ends. The reconstitution of the apo-GOx units on the FAD units

linked to the ends of the SWCNTs was supported by AFMmeasurements (Fig. 4B).

Figure 4C shows the high-resolution TEM image (HRTEM) of a SWCNT modified

with two GOx units (negatively stained with uranyl acetate) at the edges of the tube.

Voltammetric experiments revealed that FAD units were electrically connected

with the electrode surface with a quasi-reversible CV (E�0 ¼�0.45 V vs. SCE at pH

7.4). The bioelectrocatalytic oxidation of glucose was observed at E> 0.18 V

vs. SCE, and the electrocatalytic anodic current increased with increasing concen-

trations of glucose with a saturation at 60 μA. The modification of the electrode

surface with the reconstituted GOx units was further characterised by means of

microgravimetric QCM and electrochemical experiments. From the frequency

changes of the crystals in QCM and the CVs of the FAD units, the surface coverage

of the SWCNTs and of the GOx units were calculated to be 4� 10�11 mol cm�2

(3–4 FAD units per SWCNT) and 1� 10�12 mol cm�2, respectively. Thus, the

turnover rate of 4,100 s�1 was calculated for electrons transferred from

reconstituted GOx to the electrodes. This value is about six fold higher than the

turnover rate of electrons from the active site of GOx to its natural O2 electron

acceptor (700 s�1) proving the enhanced electrocatalytic efficiency of reconstituted

GOx after wiring of FAD to the electrode.

The electron pumping from reconstituted GOx to the electrode via FAD wiring

was further established in another work by Lioubashevski et al. [28]. Apo-GOx was

reconstituted on FAD cofactor-functionalised AuNPs (1.4 nm) linked to the bulk

Au electrode via dithiol monolayer. Although the reconstituted GOx/AuNP hybrid

system exhibited electrical communication between the enzyme redox cofactor and

the AuNPs [50], an overpotential (0.4 V) was recorded for bioelectrocatalytic

oxidation of glucose by the hybrid system. This positive potential shift was attrib-

uted to the tunnelling barrier introduced by the dithiolate spacer that bridged the

AuNPs to the bulk electrode. To establish this observation, the GOx/AuNP hybrid

was linked to the bulk Au electrode by a short dithiol, 1,4-benzenedithiol, or a long

dithiol, 1,9-nonanedithiol, monolayer. Because the thiol monolayers provided a

barrier for electron tunnelling, the electron transfer occurring upon the biocatalytic

oxidation of glucose resulted in AuNPs charging. The charging of AuNPs altered

the plasma frequency and dielectric constant of AuNPs, which led to the changes in

the dielectric constant of the interface. The effects were reflected in pronounced

shifts of the plasmon angle, θp, in the SPR spectra. In case of the GOx/AuNP system

bridged to Au support by the long dithiol monolayer, a shift of θp (390) was
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observed before and after addition of glucose. Whereas, in analogous system, which

was bridged with the short dithiol monolayer, a smaller change θp (270) was

observed before and after addition of glucose. Thus, the changes in the plasmon

angles were more pronounced in the long dithiol system, as compared to the short

dithiol system. Charging of the AuNPs associated with the interface also resulted in

changes of the double-layer capacitance. The potentials of the aligned GOx/AuNP-

modified electrodes, prior to the addition of glucose, were close to the zero-charge

potential values and thus provided the minimum values of Cdl. Upon addition of

100 mM of glucose, the capacitance increased from ca. 2.1 to 3.6 μF cm�2 (ΔCdl

~80%) for longer dithiol monolayer. In contrast, the change was lesser for shorter

dithiols from ca. 19 to 24.7 μF cm�2 (ΔCdl ~22%). These results were consistent

with the larger shift of θp observed in the SPR measurements in the presence of the

long dithiol linker as compared to the changes observed with shorter dithiol. The

long dithiol linker yielded a densely packed monolayer which provided an effective

tunnelling barrier for the transport of electrons from the AuNPs to the bulk Au

electrode. This resulted in the effective charging of the AuNPs reflected by the

significant changes of the interfacial capacitance. In contrast, the short dithiol linker

allowed the leakage of electrons from the AuNPs to the bulk Au electrode, resulting

in diminished charging of the AuNPs. As a result only moderate changes in the

capacitance values of the interface were observed. A control for GOx/AuNP hybrid

where GOx was unspecifically linked to AuNPs did not show significant changes in

Fig. 4 (A) Assembly of the SWCNT electrically contacted GOx electrode. (B) AFM image of

SWCNTs reconstituted at their ends with GOx units. (C) HRTEM image of a SWCNT modified at

its ends with GOx units. Adapted with permission from [24]. Copyright (2004) WILEY-VCH

Verlag GmbH & Co.
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plasmon angle or capacitance after addition of glucose. The studies showed that the

electrocatalytic efficiency of GOx reconstituted over electrically connected FAD

was considerably enhanced when compared to a non-aligned assembly.

Protein engineering has long been used to alter the native protein structures to

acquire desired functions which could be exploited for their electrochemical appli-

cations. These desired functions could be increased sensitivity of engineered redox

proteins towards their substrate, ease of their immobilisation over the electrode

surface with added stability and/or enhanced electron transfer efficiency [51]. Dif-

ferent approaches are used for redox protein engineering [11]. Rational design is

one of the commonly used approach where the existing extensive knowledge of

protein structure–function and computational modelling are combined together

either to chemically synthesise de novo proteins with desired functionalities or to

accurately modify native protein structure (either by controlled digestion of amino

acids or by point mutations to alter amino acid sequence) to tune the redox (or other

desired) properties of proteins. In contrast to this approach, directed evolution does

not require the prior knowledge of protein structural data and the relationship

between sequence, structure and mechanism for generation of mutants. Instead, a

library of variants is created by iterative rounds of mutagenesis of the target gene

that are then selected and screened till the desired functions are acquired. Molecular

“lego” is another approach to engineer redox proteins where the proteins with

desired properties are fused together [52]. The molecular lego mimics the natural

molecular evolution which is proceeded by modular assembly of genes/DNA

segments. The key domains or building blocks are selected to assemble artificial

redox chains with the desired properties, ultimately capable of communicating with

the electrodes. The link between protein domains can be achieved by a peptide

linker or by a disulphide bridge between the two domains. To ensure efficient

electron transfer between the two domains and ultimately with the electrode, the

position and length of the linkers are chosen in such a way that the association

complexes are favoured, allowing optimal electron transfer.

One of the most popular examples of rational design approach to engineer a

redox protein for its electrochemical application was trimming of cyt c by con-

trolled enzymatic digestion to yield microperoxidase-11 (MP-11). The heme redox

centre in cyt c was exposed in MP-11 for better electron coupling with the

electrode. The approach of rational design has also been used to selectively modify

protein surface structure for ease of immobilisation over electrode surface

(e.g. introduction of surface-exposed histidine or cysteine for cross-linking or

self-assembly over electrode, respectively) [53]. In another example, Willner and

co-workers [17] reconstituted a de novo synthesised four-helix bundle with FeIII

protoporphyrin IX moiety wired over the functionalised Au electrode and explored

its electrochemical properties. The reconstituted helical protein showed efficient

electron transfer with the electrode and acted as an artificial heme cofactor that

substituted cyt c in activating cyt c-dependent enzymes like nitrate reductase (from

E. coli). In one of the recent studies, Marshall et al. [54] predictably and rationally

tuned the E�0 of cupredoxin azurin (Az) to the full range 706� 3 mV at pH 4 for

N47S/F114N/M121L Az variant to �2� 13 mV at pH 9 for F114P/M121Q Az

240 P. Vatsyayan



variant surpassing the highest and lowest reduction potentials reported for any

mononuclear cupredoxin. This unprecedented level of control over an electron

transfer protein was achieved by mapping out major interactions in protein structure

followed by their selective modification, an approach that could be extended to all

other redox proteins (Fig. 5). Such proteins with wide redox potential and pH ranges

are useful as biosensor or biofuel cell catalysts. Other attempts at protein

Fig. 5 X-ray structures of Az and selected variants. (a) Native Az (PDB 4AZU). (b) N47S/

M121L Az: N47S affects the rigidity of the copper binding site and, probably, the direct hydrogen

bonds between the protein backbone and Cys 112. (c) N47S/F114N Az: introducing a hydrogen

bond donor at position 114 perturbs hydrogen bonding near the copper binding site, possibly

disrupting donor–acceptor interactions to His 117 or ionic interactions between the copper and the

carbonyl oxygen of Gly 45. (d) F114P/M121Q Az: F114P deletes a direct hydrogen bond to Cys

112 resulting in a lower redox potential. In all panels copper is shown in green, carbon in cyan,
nitrogen in blue, oxygen in red and sulphur in yellow. Hydrogen-bonding interactions are shown

by dashed red lines. Adapted with permission from [54]. Copyright (2009) Nature Publishing

Group

Recent Advances in the Study of Electrochemistry of Redox Proteins 241



engineering involved directed evolution to enhance the catalytic efficiency and

stability and to modify substrate specificity in CYP variants from different sources

[55, 56]. The manyfold increased sensitivity towards various environmental pol-

lutants and drugs makes these variants a potential target for biosensor applications.

3.4 To Aid in Miniaturisation of Bioelectrochemical System

The combination of biological molecules and novel nanomaterial components is of

great importance in the process of developing new nanoscale devices for future

biological, medical and electronic applications. Recent studies show a tremendous

increase in the use of nanomaterials for bioelectrochemical applications. The

reasons are high surface to volume ratio provided by these nanomaterials over the

transducer surface (aiding in the increased protein loading that results in higher

sensitivity and lower detection limit), their fast electron transfer efficiency, their

specific electronic and optical properties and their ease of availability. A lot of

research has been published lately exploring the utility of nanomaterials for elec-

trochemical studies of redox proteins and their applications in biosensing and

biofuel cells.

Nanotubes and nanowires are extensively used immobilisation matrices for

electrochemical studies of redox proteins. The group includes mostly carbon,

silicon, conducting polymer, metallic (Au, Pt, Ni) and semimetallic (TiO2 [57],

ZnO [58]) nanotubes or nanowires. They are also termed as one-dimensional (1-D)

nanostructures because of a high ratio of their length (μm) to their diameter (nm).

Synthesis, characterisation and alignment of these 1-D structures for their biosensor

applications have been extensively reviewed [59, 60]. Since most of these

nanowires are commercially available, a detailed description of synthesis and

characterisation are either consciously avoided or only briefly discussed in the

context of examples in this section. However, there are many research groups

which focus on synthesising these nanowires for their tailor-made applications.

Among 1-D structures, carbon nanotubes (CNTs) are the most popular ones. The

physical and catalytic properties make CNTs ideal for use in sensors. Most notably,

CNTs display high electrical conductivity, chemical stability and mechanical

strength. The two main types of CNTs are single-walled CNTs and multi-walled

CNTs. SWCNTs are sp2-hybridised carbon in a hexagonal honeycomb structure

that is rolled into a hollow tube morphology. MWCNTs are multiple concentric

tubes encircling one another. SWCNTs can be classified as either semiconducting

or metallic allotropes, depending on the chirality. CNTs are primarily synthesised

by three main techniques: arc discharge, laser ablation/vaporisation and carbon

vapour deposition (CVD). Most commercially available CNTs are formed by CVD.

After synthesis, CNTs may be treated to functionalise their surfaces. The most

common treatment with strong acids removes the end caps and may also shorten the

length of the CNTs. Acid treatment also adds oxide groups, primarily carboxylic

acids, to the tube ends and defect sites. Further chemical reactions can be performed
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at these oxide groups to functionalise with groups such as amides, thiols or others.

Altering the nanotube surface strongly affects solubility properties, which can

affect the ease of fabrication of CNT-based sensors. A recent review by Jacobs

et al. [61] compiled detailed accounts of CNT-based electrochemical sensors for

biomolecule detection. A large number of studies have focused on immobilisation

of GOx in nanocomposite films of SWCNTs/MWCNTs dispersed in chitosan/NF/

PPy for fast and sensitive electrochemical detection of glucose. Besides GOx, other

enzymes such as lactate oxidase, lactate dehydrogenase, galactose oxidase, choles-

terol oxidase, alcohol dehydrogenase, etc. have also been immobilised in CNT

nanocomposite for the detection of biologically important molecules. CNTs are

also frequently used as immobilisation matrix for heme-containing proteins. Yang

et al. [25] developed a method to directly bind Hb to diazonium-modified aligned

CNTs (ACNTs) via carbodiimide chemistry. The aligned nanotube forest resulted

in greater surface coverage (Γ¼ 2.7� 10�9 mol cm�2) for Hb resulting in higher

catalytic current when compared to immobilisation in random tangled webs of

CNTs. SEM and FTIR spectroscopy were used to characterise the ACNTs and

Hb-ACNTs (Fig. 6A and B). The ACNTs showed partially opened tip and uniform,

straight and smooth sidewalls with average outer diameter of ca. 50 nm (Fig. 6A, a,

b, c). Figure 6A, d, e, f shows the ACNT arrays after diazonium reaction and

covalent immobilisation of Hb molecules. Sidewall roughness and closed tips

showed that the Hb was immobilised both on sidewalls and the tips of ACNTs

(Fig. 6A, e, f). The FTIR spectrum for Hb-ACNT showed (Fig. 6B, d) two typical

peaks at 1,656 and 1,546 cm�1, which contributed to the C¼O stretching vibration

of amide I band and the combination of N–H bending and C–N stretching vibration

of amide II band, respectively. The bands showed only a slight redshift after

immobilisation on ACNTs when compared to the natural Hb peaks at 1,652 and

1,540 cm�1 (Fig. 6B, c), indicating that the interaction of Hb with diazonium-

ACNTs did not destroy the native secondary structure of Hb. The Hb film on the

diazonium-ACNTs electrode showed well-defined redox peaks with E�0 at

�312 mV (vs. Ag/AgCl) and good electrocatalytic activity for H2O2 reduction.

The Hb-ACNTs electrode exhibited high sensitivity, long-term stability and wide

concentration range from 40 μM to 3 mM for the amperometric detection of H2O2.

The fact that vertically aligned nanotube forests had better kinetics for direct

electron detection was further established by Esplandiu et al. [62]. They

immobilised myoglobin over vertical ACNTs to detect either H2O2 or O2 sepa-

rately. CNT forests showed superior kinetics when compared to nanocomposite

epoxy-incorporated SWCNTs/myoglobin sensors. A higher limit of detection of

~50 nM was recorded for H2O2, superior to other previously reported random and

aligned nanotube methods.

Among metallic nanowires, gold nanowires (AuNWs) are fast gaining ground in

the biosensing applications due to their high chemical and thermal stability, bio-

compatibility and excellent electrical conductivity [63, 64]. Their ease of self-

assembly over thiol-modified transducer surfaces provides a stable matrix for

biomolecule assembly. The self-assembled AuNWs can then be functionalised to

acquire free amino or carboxyl groups for protein cross-linking. While a number of
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techniques for AuNWs fabrication have been reported, electron beam lithography

[64] and electrodeposition in alumina template [65] are frequently used. Sometimes

they are fused together with platinum or nickel to change the functionality [65].

Recent trends suggest increasing use of conducting polymer nanowires such as

PPy, PANI and poly(ethylene dioxythiophene) (PEDOT) and their functionalised

derivatives as immobilisation matrix for redox proteins. Ease of synthesis of

conducting polymer nanowires and their in-built functional groups give them an

edge over other inorganic nanowires where addition of functional groups for redox

Fig. 6 (A) SEM images of ACNTs (a, b, c) and Hb-ACNTs (d, e, f ). (B) IR spectra of (a) ACNTs,
(b) diazonium-ACNTs, (c) Hb and (d ) Hb-ACNTs film. Adapted with permission from [25]. Copy-

right (2009) WILEY-VCH Verlag GmbH & Co.
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protein immobilisation is always an additional step. Among the methods used for

fabrication of conducting polymer nanowires are template-assisted synthesis, pho-

tolithography and e-beam lithography, dip-pen nanolithography, hydrodynamic

focusing and direct electrochemical synthesis [66]. Wang et al. [67] reported an

amperometric glucose biosensor based on the direct electron transfer of GOx by

electrochemically entrapping GOx onto the inner wall of highly ordered PANI

nanotubes (PANI-NTs). PANI-NTs were synthesised using anodic aluminium

oxide (AAO) membrane as a template. Figure 7A shows SEM images of highly

ordered PANI-NTs with the outer diameter of 250–300 nm and the inner diameter

of �150 nm. Inset of the Fig. 7A is the top view showing the open ends of these

nanotubes. The PANI-NTs thus provided an ideal size of channel to entrap GOx.

The immobilised GOx is shown as small and uniformly distributed island-like

nanostructures with the size of �50 nm adhered on the inner wall of PANI-NTs

(Fig. 7B). Figure 7B also shows that PANI-NTs retain the nanotube structure after

GOx immobilisation, an important characteristic to enable free and fast diffusion of

substrates and products inside the nanotubes. GOx immobilised in PANI-NTs

showed a pair of well-defined and nearly symmetrical redox peaks in CV with the

anodic and cathodic peak potentials at �390 and �420 mV, respectively, with

ΔEp¼ 30 mV. The apparent ks was estimated to be 5.8� 1.6 s�1. In addition, the

GOx/PANI-NTs/Pt electrode showed higher sensitivity (97.18� 4.62 μA mM�1

cm�2), lower detection limit (0.3� 0.1 μM) and faster response time (�3 s) with

considerable stability when compared to other reported glucose biosensors.

Nanoparticles and microparticles constitute a diverse class of materials fre-

quently used for immobilisation of redox proteins. The commonly used are metallic

nanoparticles (Au, Ag, Pt), conducting polymer nanoparticles, silica microparticles,

etc. The obvious advantages are high surface to volume ratio, thus allowing higher

protein loading and aiding miniaturisation besides their efficient conductivity and

stability as a matrix for protein immobilisation. Metallic nanoparticles, especially

AuNPs are increasingly being used for protein electrochemical studies. Similar to

Fig. 7 (A) SEM images of PANI-NTs obtained by etching away the AAO membrane. (B) The

cross-sectional image of the PANI-NTs after loading GOx on the inner wall of the nanotubes.

Adapted with permission from [67]. Copyright (2009) American Chemical Society
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AuNWs, the ability of AuNPs to self-assemble over a thiol-modified surface pro-

vides a stable matrix for protein immobilisation. Furthermore, because of their

efficient electron conductivity, they permit direct electron transfer between redox

proteins and bulk electrode, thus allowing electrochemical sensing to be performed

without the need of electron transfer mediators. AuNPs have also demonstrated to

constitute useful interfaces for the electrocatalysis of redox processes of molecules

such as H2O2, O2 or NADH involved in many significant biochemical reactions.

One recent review by Pingarron et al. [68] provides a detailed account on the use of

AuNPs for immobilisation and electrochemical studies of various proteins includ-

ing GOx, horseradish peroxidase, Hb, myoglobin, etc. In an interesting approach,

Melin et al. [69] compared the effect of size of AuNPs on electrochemistry of cbo3.

AuNPs of sizes 15, 38 and 56 nm were drop casted on a series of gold electrode

surfaces, and their surface areas were compared electrochemically by integration of

the Au–O reduction peak at 1.1 V. Although the overall surface area increased with

AuNP layer, it decreased with increasing size of AuNPs from 15 to 5.5 and 2.5 cm2,

respectively. The electrocatalytic peak potential of cbo3 also shifted towards more

negative values with increasing nanoparticle size, meaning smaller AuNPs appar-

ently allowed faster electron exchange rates with this enzyme.

Recently, nanoparticles with magnetic properties have also been used for protein

immobilisation and their electrochemical studies [70, 71]. They usually contain a

metal or metal oxide core of iron or cobalt. The magnetic core is often stabilised by

an outer inorganic or organic shell, such as silica [71], carbon [70], etc. where the

redox proteins are directly adsorbed. It is possible to further modify these magnetic

nanoparticles by anchoring different functional groups to their outer shell to serve

specific functions. For example, addition of charged polymers such as PEI increases

the solubility of these magnetic nanoparticles in aqueous solutions [72]. Besides,

they also provide additional functional groups that can be used for protein cross-

linking.

Graphene is also among one of the important carbon materials used for the

electrochemical studies of redox proteins. The unique properties of graphene (fast

electron transportation, high thermal conductivity, excellent mechanical flexibility

and good biocompatibility) provide it with potential applicability in electrochem-

ical biosensors as summarised by Kuila et al. [73] in one of their recent reports.

4 Applications

The efficient confinement of the redox proteins over the transducer surfaces opens

the way for their various electrochemical applications with high precision and

reproducibility.
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4.1 Study of Mechanism

Applications of electrochemical methods in investigation of mechanism of redox

protein catalysis have greatly increased in the past few years, as confidence has

grown in their ability to provide alternative new insight into complex electron

transfer processes [4, 74]. Electrochemical studies of redox proteins have contrib-

uted a lot towards understanding enzyme kinetics, substrate binding and structure–

function relationships in proteins. Some of the recent examples are elaborated in

this section to understand the contributions. As discussed before, CYP is an enzyme

whose electrochemical investigation has a huge application potential. However,

catalytic cycle of CYP is quite complex which makes its electrochemical investi-

gation quite intriguing [75]. Hagen et al. [27] investigated the CYP 2B4 electro-

chemistry in DDAB films. The variation of E�0 with a range of temperature from

18�C to 40�C was used to measure the entropy and enthalpy changes that accom-

pany heme reduction in CYP 2B4 to understand the nuclear reorganisation of the

enzyme. Reduction of six-coordinate water-ligated FeIII yields five-coordinate FeII

and expulsion of the axial water ligand [74]. The corresponding changes in entropy

(ΔS�) and enthalpy (ΔH�) values were �151 J mol�1 K�1 and �46 kJ mol�1,

respectively. To further probe the effect of dehydration, on entropy and enthalpy

changes, similar electrochemical experiments with CYP 2B4-DDAB films in the

presence of imidazole in solution were performed. Imidazole replaces water as the

heme axial ligand and remains bound to the heme in both FeIII and FeII oxidation

states, unlike water which dissociates upon reduction. The values for ΔS� and ΔH�

were calculated to be �59 J mol�1 K�1 and �18 kJ mol�1, respectively, signifi-

cantly smaller than the water-ligated CYP 2B4. This dramatic difference was

explained with the likely structural rearrangements that accompanied these two

redox reactions. Reduction of a six-coordinate axially aquated heme triggered water

dissociation, whereas reduction of an imidazole-bound heme produced no change in

coordination, thus causing minimal nuclear reorganisation resulting in small

entropy and enthalpy changes.

Lately, electrochemical studies of redox enzymes are frequently being used to

gain significant insight into the enzyme kinetics. They add a new dimension called

potential (V) to the familiar substrate concentration ([s]) and time (t) dimensions in

the usual enzyme kinetics. The enzyme kinetic studies by electrochemical methods

have also benefited from the ability of these methods to utilise extremely small

quantities of enzyme sample on an electrode [74]. Fourmond et al. [76] used PFV to

examine the kinetics of nitrate reduction by periplasmic nitrate reductase (NapAB)

from Rhodobacter sphaeroides. The enzyme reversibly interconverts between

active and inactive states. In their study, protein film voltammetry proved invalu-

able for detecting these states and determining the conditions under which they are

produced. NapAB was adsorbed on pyrolytic graphite edge (PGE) electrode, and a

fast and direct electrochemistry was observed with the activity detected as a

negative current with peak potential at �100 mV (Fig. 8a, A). However, the

catalytic voltammograms recorded with higher nitrate concentrations exhibited a
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pronounced hysteresis above �200 mV (Fig. 8a, B), and the current measured

during the forward scan (towards negative potentials) was smaller than that during

the return scan. Chronoamperometric experiments were carried out to understand

this phenomenon by stepwise varying the substrate concentration at two different

potentials, and the resulting change in activity was monitored as a change in current

(Fig. 8b). At very low electrode potential (E¼�460 mV) (Fig. 8b, A, B, C), the

catalytic activity increased with increasing nitrate concentration and followed

Michaelis–Menten kinetics. However, under less reductive condition (E¼
+40 mV) (Fig. 8b, D, E, F), high concentrations of nitrate inhibited the enzyme.

The experiments showed that reduction activated NapAB irreversibly, whereas at

moderately reducing potentials, high nitrate concentrations reversibly inhibited the

enzyme.

Fig. 8 (a) CVs of NapAB adsorbed on a rotating disc PGE electrode, at pH 6, 25�C, a scan rate of
20 mVs�1 and an electrode rotation rate of 5 krpm. Panel A shows the usual steady-state catalytic

response obtained in the presence of 10 μM nitrate (plain line); the dotted line is a blank recorded

with no adsorbed enzyme. The arrows indicate the direction of the sweep. Panel B: a large

hysteresis is visible at high nitrate concentration (24 mM). The dashed line is the scan following

immediately the solid line; the only difference is a decrease in the amplitude of the signal due to

film loss. (b) Dependence of the rate of nitrate reduction on nitrate concentration. The left- and

right-hand sides correspond to a redox poise at �460 and +40 mV vs. SHE, respectively.

Conditions: pH 6; 25�C; 5 krpm. Panels A and D show the evolution of nitrate concentration

against time, when the concentration is stepwise increased by adding aliquots of a stock solution of

potassium nitrate (note the logarithmic Y scale). Panels B and E show the resulting change in

catalytic current. Panels C and F show the catalytic current reached at the end of each step as a

function of nitrate concentration. The fit of the data in panel C to the Michaelis–Menten equation

gives Km¼ 85 μM. The inset shows an Eadie–Hofstee plot. The red line in panel F is the best fit to

an equation accounting for substrate inhibition, with Km¼ 10 μM and Ki¼ 4 mM. Adapted with

permission from [76]. Copyright (2010) American Chemical Society
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Chronoamperometry allows for the study of enzyme kinetics with great temporal

resolution which is useful for the study of reactions involving substrate (especially

gaseous substrates) binding and depletion with time. Hydrogenases, which catalyse

H2 to H+ conversion as part of the bioenergetic metabolism of many microorgan-

isms, are among the metalloenzymes for which the existence of a gas-substrate

tunnel is already reported (by crystallography and molecular dynamics methods).

However, the correlation between protein structure and gas diffusion kinetics

remains unexplored. Leroux et al. [77] used chronoamperometry to resolve the

kinetics of binding and release of the competitive inhibitor CO in structurally

characterised mutants of a NiFe hydrogenase (Fig. 9a and b). As shown in

Fig. 9a, the mutations L122M-V74M (MM) and L122F-V74I (FI) significantly

narrow the tunnel near the entrance of the catalytic centre. Since CO substitutes

for H2 at the active site of NiFe hydrogenase in a competitive manner, PFV was

used to monitor H2 oxidation to measure the rates of binding and release of the

competitive inhibitor CO with high temporal resolution. In the wild-type

(WT) enzyme at room temperature, binding of CO was fast (Fig. 9b, A); it is just

below the diffusion limit of 108 s�1 M�1 [~105 s�1 atm (CO)�1; the solubility of CO

is 0.96 mM atm�1]. The two double mutations induced spectacular delays in both

binding and release of CO (Fig. 9b, B and C). The rate constants for both forward

and backward CO transport decreased by more than two orders of magnitude in

MM mutant, whereas the double FI mutant had an intermediate phenotype. Since

the mutations affect the rates of CO binding and release in approximately the same

Fig. 9 (a) Structural models of the three enzymes. A is an overview of the tunnel network; B is a

close-up of the tunnel near the active site in the WT. C, D and E are close-ups of the MM and FI

mutants, as indicated. In C, an arrow points to the second conformation of M122. A conserved

hydrophilic cavity is shown in blue in E. (b) Comparison of the kinetics of CO inhibition of H2

oxidation in PFV experiments. The current (i) has been normalised by its value i0, measured before

CO was added. Left shows the short-term change in current, whereas the end of the relaxation is

shown on Right. The dimensionless volumic fractions of solutions saturated under 1 atm of CO at

25�C and injected at time 0. Electrode rotation rate 2 krpm, pH 7. Adapted with permission from

[77]. Copyright (2008) PNAS
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manner, they had a smaller effect on the binding affinity, which is the ratio of the

two. This was expected for a mutation that affects the channel for CO access, but

not the free energy of binding at the active site. Thus electrochemical studies

established the effect of mutations affecting the molecular structure of substrate

tunnels in hydrogenase enzyme. In fact, electrochemical studies of redox proteins

are now fast becoming an inevitable tool to establish or support structure–function

findings [78–80].

4.2 Biosensors

Biosensors are the most practical and important applications where developments

in electrochemical studies of redox proteins have played a major role. In the last

decade, a substantial part of these studies were directed towards biosensing appli-

cations. However, most of these biosensing devices were of lab scale that are yet to

be optimised for real-world applications. Sensors in general are devices that register

a physical, chemical or biological change and convert them into a measurable

signal. They usually contain a recognition element which detects the analyte of

interest, a transducer that produces the signal and a processor that collects, amplifies

and displays the signal. Electrochemical biosensors are a class of sensors that

combine the sensitivity and selectivity of biological components (especially

enzymes) with low detection capabilities of electrochemical transducers (~10�12

A current). The biosensor performance is usually evaluated on the basis of its

selectivity, sensitivity, limit of detection (LOD), reproducibility, response time,

operational and storage stability, ease of use and portability. With the onset of

electrochemical biosensors in 1960s and subsequent development of glucose bio-

sensors for blood glucose analysis, a volume of literature has been published in last

50 years. Some of the recent reviews have covered the details about the enzymatic

biosensors including their working principal, design, selection of biocatalyst and

immobilisation strategies for biocatalysts over electrodes followed by their usage

and performance for clinical, environmental and industrial applications [5, 81–86].

Electrochemical biosensors have found their potential applications in clinical

diagnostics. The substrate specificity (selectivity) and sensitivity of enzymatic

biosensors avoid a great deal of sample preparation when analysing complex

biological fluids such as blood or urine. In Sect. 3, we have already seen that

many of the immobilisation strategies were directed towards the development of

glucose biosensor for blood glucose analysis. However, the studies on glucose

biosensors are consciously eluded here in this section as this book contains an

independent chapter focused on glucose biosensors. After glucose, cholesterol is

one among the important analytes in blood that requires frequent monitoring. It is

an important biomarker in the diagnosis of many diseases, such as hypertension,

coronary heart disease, arteriosclerosis, lipid metabolism dysfunction, etc. This has

led to an increased interest in the development of various kinds of cholesterol

biosensors [87]. Saxena et al. [88] developed a cholesterol oxidase (ChOx)
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bioelectrode and established its potential as biosensor for total cholesterol deter-

mination in human serum samples. ChOx was immobilised on AuNP-modified gold

electrode. The nanoparticle film on the electrode surface provided an environment

for the enhanced electrocatalytic activity of ChOx and thus resulted in enhanced

analytical response. The resulting bioelectrode exhibited a linear response to

cholesterol in the range of 0.04–0.22 mM with a detection limit of 34.6 μM and a

high sensitivity of 9.02 μA mM�1 at a working potential of 0.46 V. A high

operational (6 h, 30 measurements) and storage stability (~95% residual activity

after 1 month of storage) was reported for this ChOx-based biosensor. A recent

report by Saxena and Das [89] summarised the progress in designing and fabrica-

tion of cholesterol biosensors using nanomaterials and their importance in clinical

studies.

In addition to clinical diagnostic applications [84, 85], enzymatic biosensors

have also made a lot of progress in environmental applications [81, 86] such as for

detection of various pollutants, pesticides, heavy metal contaminations of ground-

water, etc. to name a few. The monitoring of arsenite, the major contributor of

groundwater arsenic contamination, is among one of the major environmental

concerns that requires immediate attention. Arsenite oxidase (ArO), a

molybdenum-containing enzyme, is responsible for arsenite utilisation in a large

number of microorganisms, e.g. Rhizobium sp. str. NT-26, Alcaligenes faecalis, etc.
The arsenite utilisation pathways in these organisms make use of arsenite as the

electron donor and molecular oxygen as the terminal electron acceptor. Despite

having a huge potential for biosensor applications for one of the most dreaded

pollutants of water, ArO was largely ignored in terms of its electrochemical studies.

The reason could again be attributed to the enzyme being dimeric and bulky

(heterologous subunits: molybdenum-containing Aro A, MW ~90 kDa, and

Rieske-type Fe–S-containing Aro B, MW ~15 kDa) [90]. However, a biosensor

for arsenite was developed using ArO (from Rhizobium sp. str. NT-26) that oxidises

arsenite to arsenate. ArO was galvanostatically deposited onto the active surface of

a MWCNT-modified GCE. The resulting biosensor showed a linearity up to

500 ppb and a detection limit of 1 ppb for arsenite at 0.3 V electrode potential. A

low response time (~10 s) and excellent reproducibility were reported for the ArO

biosensor. The biosensor was used for repeated analysis of spiked arsenite in tap

water, river water and commercial mineral water. River water from the

St. Lawrence River was analysed using the ArO biosensor (Fig. 10). The results

implied that arsenite was not present in the river water, since the current signal

(~17 nA) for curve b was very similar in the presence or absence of ArO (Fig. 10A

and B). The results were later confirmed by other established methods for arsenite

determination.

Enzymatic biosensors also have potential applications in the food industry to

detect the analytes which should be in permissible levels, e.g. peroxides, sulphites,

etc. Sulphite is used as an additive in food and beverages to prevent oxidation and

bacterial growth and to control enzymatic reactions during production and storage.

The level of sulphite is the subject of legislation because it can cause asthmatic

attacks and allergic reactions to hypersensitive people. Wollenberger and
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co-workers [91] developed sulphite biosensor using human sulphite oxidase (hSO)

enzyme, a metalloprotein containing the molybdenum cofactor and a cytochrome

b5-type heme. In a layer-by-layer assembly method, the hSO was co-immobilised

with cyt c in polyaniline sulphonic acid. A 17-bilayer electrode showed a linear

range between 1 and 60 μM sulphite with a sensitivity of 2.19 mAM�1 sulphite and

a response time of 2 min. The multilayer electrode was used for determination of

sulphite in unspiked and spiked samples of red and white wine.

Fig. 10 (A) St. Lawrence River water analysis with MWCNTs/ArO/GCE (a) 20 ppb arsenite, (b)
St. Lawrence River water alone and (c) St. Lawrence River water spiked with arsenite to give

20 ppb after mixing. (B) St. Lawrence River water analysis with MWCNTs/GCE (a) 20 ppb

arsenite, (b) St. Lawrence River water alone, (c) river water spiked with arsenite to give 20 ppb

after mixing and (d ) 10 ppm humic acid. The inset shows a calibration curve for arsenite in the

presence of the St. Lawrence River water. Adapted with permission from [90]. Copyright (2007)

American Chemical Society
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The recent developments in electrochemical studies of redox enzymes have

opened a whole new horizon for biosensor development for a variety of analytical

applications. However, a lot of research is still required to find potential biocatalysts

for a number of analytes that need constant monitoring and to make electrochemical

biosensors commercially successful bioanalytical device.

4.3 Biofuel Cells

In addition to biosensors, biofuel cells are another important devices benefitting

from the recent progress in electrochemical studies of redox proteins. With the

increasing energy demand and depleting non-renewable energy resources, it is

important to shift our focus to utilise renewable resources. Biofuel cells provide

one such alternative, where microbes or isolated enzymes are used to utilise fuels

such as glucose, fructose, lactose, ethanol, methanol, H2, etc. for energy generation.

Microbial fuel cells provide certain advantages over enzymatic fuel cells (EFCs),

e.g. longer lifetime, capability of complete oxidation of fuel, etc. They are however

limited by low power densities and lack of substrate specificities which necessitate

the use of membrane separator in microbial fuel cells. EFCs are used to overcome

the shortcomings of microbial fuel cells by providing better substrate specificity

and higher power densities. EFCs also provide certain edge over inorganic catalyst-

based chemical fuel cells, e.g. the overpotential of EFCs is usually close to zero,

they have the ability to scavenge fuel and oxidant from ambient environment (even

when they are present in trace concentrations) and they are feasible to be used in

disposable and completely biodegradable devices. However, EFCs drastically lag

behind the chemical fuel cells in the amount of power produced and their shelf life.

The time and cost of isolation and purification of enzymes, their poor stability and

restricted pH and temperature optima for functioning and difficulty in achieving

good electronic coupling with the electrode are other serious limitations of EFCs.

The focussed research towards finding novel biocatalysts from natural resources or

engineering the available enzymes to generate improved biocatalysts combined

with the efficient immobilisation strategies of biocatalysts over electrodes has a

potential to solve few of the above-mentioned problems. Some of the recent

reviews [6, 7, 92–96] have detailed the developments in the field of EFCs from

selection of biocatalysts and their immobilisation strategies to the design and

characterisation of EFCs for their theoretical and practical applications. A wide

variety of redox proteins have been employed to create unique biofuel cells that can

be used in applications such as implantable power sources, energy sources for small

electronic devices, self-powered sensors and bioelectrocatalytic logic gates.

Like other chemical fuel cells, EFCs have cathode-receiving oxidant and anode-

receiving reductant or fuel. For most EFCs, O2 is the oxidant of choice because it is

freely available and has a high reduction potential, thus maximising the voltage

output of the cell. The enzymes commonly used for O2 reduction at cathode are blue

copper oxidases such as laccase or bilirubin oxidase. Peroxidases containing iron

Recent Advances in the Study of Electrochemistry of Redox Proteins 253



porphyrins are also used at cathode for reduction of H2O2. The enzymes commonly

used at anode are oxidases, dehydrogenases or hydrogenases which use sugar,

alcohol or H2 as fuel. Some of the hydrogenases use proton as an oxidant and

reduce it to produce H2 at cathode. This concept is useful in identifying possible

ways for renewable H2 production [6]. In one of the examples, the [FeFe]-

hydrogenase from Clostridium acetobutylicum attached to a carbon electrode was

shown to be a very good catalyst for H+ reduction, and this property was further

demonstrated in a device in which light-dependent H2 production was observed

when this hydrogenase electrode was coupled to a TiO2 photoanode with NADH as

electron donor [97].

Habrioux et al. [98] developed a concentric glucose/O2 biofuel cell. The device

constituted two carbon tubular electrodes, one in the other, and combined the

glucose electrooxidation at the anode and O2 electroreduction at the cathode

(Fig. 11A). The anodic catalyst was GOx co-immobilised with the mediator

8-hydroxyquinoline-5-sulphonic acid hydrate, and the cathodic catalyst was biliru-

bin oxidase co-immobilised with the mediator 2,20-azinobis(3-ethylben-

zothiazoline-6-sulphonate) diammonium salt. Both enzymes and mediators were

entrapped at the surface of the tubular electrodes by an electrogenerated PPy

polymer. The concept of the concentric configuration was to compartmentalise

the anode and cathode electrodes and to supply dissolved O2 separate from the

electrolyte in order to avoid secondary reactions. The dissolved O2 circulated

through the inside of the cathode tube and diffused from the inner to the external

surface of the tube to react directly with the immobilised bilirubin oxidase. The

assembled biofuel cell was studied at 37�C in phosphate buffer pH 7.4 (Fig. 11B).

They further studied the influence of the thickness of the PPy polymer on the

electrochemical activity of the bioelectrodes. As the enzymes were mainly

adsorbed on the electrode surface of the tube rather than within the polymer film

(which acted as conductive matrix to avoid enzyme linkage and the loss of

mediator, Fig. 11A), the decrease in PPy thickness led to higher current density

for the biocathode, whereas no real effect was observed on the catalytic

electrooxidation of glucose at the anode. They also demonstrated the effect of the

chemical reticulation of the enzymes by glutaraldehyde within the polymer on the

performances of the bioelectrodes. In this case the bioanode showed increase in

current density. The maximum power density delivered by the assembled glucose/

O2 biofuel cell reached 42 μW cm�2, at a cell voltage of 0.3 V with 10 mM glucose.

The results demonstrated that the concentric design of the EFC based on

compartmented electrodes is a promising architecture for further development of

microelectronic devices.

To overcome the limitations of partial oxidation of fuel by EFCs and to enhance

their power output, Minteer and co-workers [99–101] immobilised multiple

enzymes of citric acid cycle or enzymes for complete oxidation of glycerol on

respective anodes. In one of the examples [101], they developed the enzymatic

bioanode for complete oxidation of pyruvate, where the bioanode contained the

enzymes of the Kreb’s cycle (Fig. 12A). Representative power curves for the five

biofuel cells containing different numbers of dehydrogenase enzymes are shown in
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Fig. 11 (A) Schematic configuration of the EFC prototype working from glucose and O2 as fuel

and oxidant, respectively. (B) Fuel cell performances obtained with the biocathode and the

bioanode in a phosphate-buffered solution (pH 7.4) containing 10 mM glucose at 37�C. A
saturated O2 solution circulates in the interior of the inner cathode tube. (–●–) initial perfor-

mances; (–□–) after 3 operating hours; (–Δ–) after 3 operating hours and 2 days of storage at 4�C.
Adapted with permission from [98]. Copyright (2008) Elsevier
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Fig. 12 (A) Schematic of the chemistry occurring at the pyruvate/air biofuel cell. (B) Represen-

tative power curves for pyruvate/air biofuel cells in 100 mM sodium pyruvate fuel solution at room

temperature. Adapted with permission from [101]. Copyright (2009) Electrochemical Society

256 P. Vatsyayan



Fig. 12B. As the number of dehydrogenase enzymes increased, the current and power

density increased from 0.0298� 0.0082 mW cm�2 to 0.931� 0.091 mW cm�2

with 31.2-fold overall increase in power output. An overall 4.6-fold power density

increase was observed using individual Kreb’s cycle enzymes when compared to the

intact mitochondria. These results showed that the complete oxidation of fuel could

increase the power output of EFCs drastically.

5 Conclusions

Electrochemical studies of redox proteins have made tremendous progress in the

last decade which is reflected in the literature published so far. A wide range of

proteins are now being studied electrochemically, and these studies have become an

integral part of protein characterisation and their structure–function studies. The

constant research work dedicated towards improving the immobilisation strategies

of redox proteins over electrodes for their maximum stability and electron transfer

efficiency has made these studies more feasible and reproducible. Discovery and

synthesis of novel materials including a variety of nanomaterials have only fuelled

this progress. Recent development and use of different spectroscopic and micro-

scopic techniques have made it possible to visualise the details at molecular level

thus complementing the findings obtained by electrochemical analysis and making

them more reliable. All these developments combined with the constant efforts

towards improvement in stability, biocompatibility and miniaturisation of

bioelectrochemical systems have established biosensors as a promising

bioanalytical device for monitoring analytes of clinical, environmental and indus-

trial importance. In addition to biosensors, the research work on enzymatic biofuel

cells has also benefitted a lot from the recent progress in electrochemical studies of

redox proteins. A considerable progress in stability, performance and overall power

output of EFCs has been achieved. Although they still lag behind the chemical fuel

cells in their power output, they are promising towards fuelling small portable and

disposable devices. Thus electrochemical studies of redox proteins have become

quite an interdisciplinary field of research which requires constant attention of

researchers for their various theoretical and practical implications.
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Abstract The monitoring of partial pressures of the blood gases carbon dioxide

(pCO2) and oxygen (pO2) is of great importance in clinical diagnostics. Themeasure

of pCO2 and pO2 provides essential information about the patient’s metabolism, gas

exchange, ventilation, and acid–base homeostasis. The conventional electro-

chemical methods for clinical blood gas analysis are based on the potentiometric

Severinghaus sensor for carbon dioxide and the amperometric Clark sensor for

oxygen. These techniques are well established and are only shortly discussed in

this overview. However, in recent years a variety of modifications of these classical

sensor concepts and new approaches of electrochemical sensing of pCO2 and pO2

have been introduced. This review summarizes recent developments in this field and

discusses the potential for future applications in clinical blood gas analysis.

Keywords Blood gas analysis • Clinical analysis • CO2 sensor • Electrochemical

sensor • Noninvasive blood gas sensor • O2 sensor
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Abbreviations

ABG Arterial blood gas analysis

AIROF Anodically grown iridium oxide film

ARDS Acute respiratory distress syndrome

CBG Arterialized capillary blood gas analysis

ECMO Extracorporeal membrane oxygenation

Hb Hemoglobin

ISE Ion-selective electrode

ISFET Ion-selective field-effect transistor

LIX Liquid ion exchanger

MEMS Microelectromechanical systems

paCO2 Arterial partial pressure of carbon dioxide

paO2 Arterial partial pressure of oxygen

pBDD Polycrystalline boron-doped diamond

pCO2 Partial pressure of carbon dioxide

PDMS Polydimethylsiloxane

petCO2 End-tidal partial pressure of carbon dioxide

pO2 Partial pressure of oxygen

ptcCO2 Transcutaneously determined partial pressure of carbon dioxide

ptcO2 Transcutaneously determined partial pressure of oxygen

VBG Venous blood gas analysis

τ90/τ95 Time to approach 90%/95% of the steady-state signal

1 Physiological Background

The blood gases oxygen (O2) and carbon dioxide (CO2) play an essential role in the

human organisms. The exchange of respiratory gases into and out of blood occurs in

pulmonary alveoli by diffusion through alveolar and capillary walls. After the

dissolution of oxygen in the blood plasma, it diffuses into red blood cells (erythro-

cytes) containing hemoglobin (Hb), which is used as a carrier for oxygen. The

protein hemoglobin contains four heme groups of which each group binds one

oxygen molecule in form of an iron complex. Therefore, hemoglobin transports up

to four oxygen molecules through the blood vessels. The oxygen is released if the

oxygenated hemoglobin accomplishes tissue structures with lower pO2 (partial

pressure of O2) levels. Carbon dioxide is formed as a product of the metabolism

and dissolves partly in the blood plasma. The main part of CO2 is bound covalently

as bicarbonate to the NH2 group of hemoglobin [1].

The determination of arterial blood gases is very important to monitor the gas

exchange in critically ill patients. It provides valuable information about the

patient’s metabolism, gas exchange, ventilation, and acid–base homeostasis

[2]. A reliable way for blood gas determination is the direct analysis of an arterial

blood sample by point-of-care blood gas analyzers with implemented Clark and

Severinghaus sensors to measure pO2 and pCO2, respectively [3].
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Besides common direct measurements, indirect methods for blood gas determi-

nation are as follows: capnometry (only pCO2), transcutaneous blood gas measure-

ment [1, 4], and the pCO2 [5] and pO2 [6] determination at the gas outlet of a

membrane oxygenator during extracorporeal membrane oxygenation (ECMO).

However, these methods cannot replace the invasive blood gas analysis because

of a number of limitations and the risk of artifacts. Typical problems are the

patients’ disease pattern, age, the entire health condition, etc [4, 7, 8]. Nevertheless,
these noninvasive alternatives for the monitoring of arterial blood gases have been

applied, e.g., during cardiopulmonary bypass [5].

The transcutaneous blood gas measurement enables the measurement of pO2 and

pCO2 through the skin of the patient. The principle of this sensing strategy is

illustrated in Fig. 1. Blood gases diffuse from the cutaneous capillary bed directly

into the sensor. This process is facilitated by means of a heating system inside the

sensor leading to elevated temperatures up to 42–45�C. This temperature level

results in a reduced vascular tension associated with slacked arterioles and the

penetration of arterial blood into the capillary bed (arterialization) [1]. Several

related studies have been published comparing arterial blood gas measurements

with transcutaneous ones [9–11]. The main reason for the underestimation of

transcutaneously measured pO2 (ptcO2) is the oxygen consumption by superficial

tissues. In contrast, the overestimation of transcutaneously measured pCO2

(ptcCO2) is caused by cellular metabolic production. Further artifacts affecting

the accuracy of transcutaneous blood gas measurements are the temperature-

dependent shift of the oxygen–hemoglobin binding curve as well as the shift of

the chemical equilibrium of dissolved CO2 and bound CO2, which occur with

increasing temperature [1]. Despite the differences between ptcO2/ptcCO2 and

paO2/paCO2, commercially available systems usually guarantee acceptable corre-

lations (r> 0.8). The transcutaneous analysis of blood gases requires long integra-

tion times as the measurement is mainly determined by the time-consuming gas

diffusion through the skin. In this context, there is actually no need for a fast

responding CO2 sensor element inside the transcutaneous sensor body. However,

the sensor should exhibit stable function for a period of 8–12 h [12] without any

signal drift because there is no possibility for any recalibration.

Fig. 1 Schematic

representation of a

transcutaneous blood gas

measurement. Both blood

gases (CO2 and O2) diffuse

through the skin of the

patient and penetrate into

the sensor
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Capnometry is a continuous measurement of CO2 in the respiratory gas. The

CO2 profile during normal respiration, which has a characteristic waveform, is

shown in Fig. 2. Low CO2 signals during inspiration reflect the fact that the ambient

air contains very low CO2 concentrations. At the beginning of the expiration, the

signal increases rapidly, and subsequently it flattens and increases slightly until it

reaches the maximum CO2 value, the end-tidal pCO2 (petCO2), at the end of

exhalation. This end-tidal CO2 level represents the alveolar CO2 concentration,

which correlates clearly with the paCO2 [1]. However, the accuracy of petCO2 is not

comparable to direct arterial blood gas determinations due to the alveolar dead

space. Several studies have estimated a mean difference of approximately

2–5 mmHg between paCO2 and petCO2. This bias varies by age, pulmonary

disorders, reduced cardiac output, hypervolemia, and anesthesia [10, 13]. The

oscillation of the capnometric CO2 signal is caused by the alternating inspiration

and expiration. A typical respiration rate of 10 to 30 breaths per minute results in

measurement times in the seconds range. A suitable sensing device for capnometric

CO2 determinations should therefore have short response times within one second

or in a few hundred milliseconds. Hence, commercially available capnometers are

typically based on spectroscopic or time-of-flight ultrasound methods.

Pros and cons of different pCO2 monitoring techniques are summarized in

Table 1.

Another possibility for continuous blood gas analysis can be realized during

extracorporeal membrane oxygenation. Extracorporeal membrane oxygenation

(ECMO) is a mature clinical treatment for acute respiratory distress syndromes

(ARDS). ECMO is applied to patients with severe lung failure. It can be understood

as an artificial lung realizing oxygenation and carbon dioxide elimination. A

schematic representation of a typical setup is illustrated in Fig. 3. Venous blood

is pumped through a membrane oxygenator before the oxygenated blood flows back

into the patient’s vein [14]. Blood penetrates through thousands of membrane

capillaries inside the membrane oxygenator. At the outer side of the membranes,

the respiration gas passes and equilibrates with the blood (oxygenation and CO2

elimination). The pCO2 and pO2 of the exhaust gas should be equal to both the

Fig. 2 Normal capnogram. (a, b) Beginning of exhalation. Gas is exhaled from the physiological

dead space. (b, c) Steep rise of the CO2 level, from the lower airways. (c, d) Alveolar plateau. CO2

concentration of the expired alveolar gas. (d) End-tidal pCO2. (d, e) Inspiration. Adapted from [1]

with permission
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arterial pCO2 (paCO2) and the arterial pO2 (paO2), provided that the respiration gas

is completely equilibrated with the blood. As a consequence, blood gases can

indirectly be determined at the exhaust gas outlet of a membrane oxygenator of

an ECMO system. Different studies have validated the correlation between the

exhaust gas concentrations and the corresponding blood gas values. Exhaust gas

monitoring has been used for paCO2 monitoring with a good correlation between

Table 1 Primary clinical applications for various pCO2 monitoring techniques

Clinical application ABG CBG VBG

Capnometric

CO2

Transcutaneous

CO2

Intensive care unit setting + � � + �
Emergency department + � + � �
Acute respiratory failure + � � � �
Chronic respiratory failure + + � � +

Invasive mechanical ventilation + + � � �
Noninvasive mechanical

ventilation

+ + � � +

General anesthesia + � � + �
Meaning of symbols: + advantage, � disadvantage

ABG arterial blood gas analysis, CBG arterialized capillary blood gas analysis, VBG venous blood

gas analysis

Adapted from [4] with permission

Fig. 3 Scheme of an extracorporeal membrane oxygenation (ECMO) combining a membrane

oxygenator and a centrifugal pump. Oxygen diffuses into the blood (oxygenation) and carbon

dioxide diffuses out of the blood (CO2 elimination)
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corrected exhaust gas and blood gas values with a standard deviation of 4%

[5]. Studies concerning continuous pO2 exhaust gas monitoring and the correlation

with paO2 have been reported [6].

2 Conventional Blood Gas Sensors

2.1 Clark Sensor

A common configuration of a conventional two-electrode sensor system for pO2

determination is shown in Fig. 4. This electrochemical probe is based on the sensing

principle first reported by Clark [16]. It consists of a platinum or gold working

electrode and an Ag/AgCl electrode serving as reference and counter electrode.

A thin semipermeable membrane separates the internal electrolyte (KCl solution)

from the blood sample. Suitable membrane materials are polyethylene or

polytetrafluoroethylene (PTFE). The spacing between the platinum cathode and

the membrane should range in the micrometer region in order to guarantee fast

response characteristics [17].

This sensor principle is based on the electrochemical reduction of oxygen at the

cathode. For a typical working electrode potential setting of �0.6 V vs. Ag/AgCl/

0.1 M KCl, the following cathodic reaction occurs under transport-controlled

conditions:

O2 þ 2H2Oþ 4e� ! 4OH�

Fig. 4 Sectional drawing through a Clark sensor. Adapted from [15] with permission
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2.2 Severinghaus Sensor

In 1954, the first pCO2 sensor was introduced by Stow and Randall

[18]. Severinghaus and Bradley [19] have optimized this sensing concept and

published a CO2 sensor suitable for routine laboratory use one year later. These

Severinghaus-type probes are still the sensors of choice for pCO2 monitoring in

modern blood gas analyzers.

Figure 5 shows a scheme of a typical Severinghaus sensor for pCO2 measure-

ments in blood. The major components of this sensor are a pH-sensitive combi-

nation glass electrode, a thin electrolyte layer (bicarbonate solution), and a polymer

membrane permeable for CO2 [20]. If a flowing solution of blood sample passes the

sample channel, CO2 permeates the membrane and dissolves in the thin electrolyte

layer of bicarbonate solution. In this way the following equilibrium is influenced:

CO2 þ H2O $ HCO�
3 þ Hþ

The CO2 diffusing into the internal electrolyte results in a pH change recorded with

the combination glass electrode. The pH change correlates with the pCO2. Theo-

retically calculated pH values as a function of pCO2 with different NaHCO3

concentrations of the electrolyte solution are shown in Fig. 6.

Fig. 5 Sectional drawing through a Severinghaus sensor. Adapted from [16] with permission
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3 New Trends in Direct and Indirect Blood Gas Analysis

3.1 Oxygen

The electrochemical reduction of oxygen has been investigated for a number of

novel electrode materials under various conditions. Polycrystalline boron-doped

diamond (pBDD) is presently one of the most promising electrode materials

because of its wide potential window in aqueous solution, low background current,

corrosion consistency, high temperature stability, and resistance to fouling

[22]. Hutton et al. [22] have studied a membraneless chronoamperometric oxygen

sensor based on a platinum nanoparticle-modified pBDD electrode. The character-

istics of the composite sensor have been determined in 0.1 M KNO3 solution with

varying oxygen concentrations. The sensor shows a well-defined linear behavior

between peak current and dissolved oxygen. Another chronoamperometric oxygen

sensing concept has been suggested by Preidel et al. [23]. In this study a pulsed

electrochemical determination of oxygen is applied which reduces the oxygen

consumption at the cathode surface drastically. Consequently, this approach

enables the direct oxygen measurements in tissue without affecting the oxygen

concentration. The authors have investigated the sensor behavior in different

environments, for example, bovine serum, a shunt measurement of a mini pig,

and a direct subcutaneous measurement of a cat.

Modifications of miniaturized polydimethylsiloxane (PDMS)-based oxygen sen-

sors have been reported as relevant alternatives to conventional transcutaneous pO2

devices [24–27]. Koley et al. [24] presented a flexible amperometric prototype

Fig. 6 Sensitivities of a Severinghaus CO2 sensor with different NaHCO3 concentrations of the

electrolyte. Calculated according to [21]. Blue, [NaHCO3]¼ 0 mol/l; green, [NaHCO3]¼ 10�4

mol/l; red, [NaHCO3]¼ 10�3 mol/l
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sensor consisting of three layers, an oxygen permeable PDMSmembrane (30 μm), a

membrane filter soaked with KCl as an electrolyte layer, and an electrode layer in

the form of Pt and Ag/AgCl film electrodes. A schematic setup is shown in Fig. 7. In

2007 Kudo et al. [25] published a transcutaneous oxygen measurement at the

forearm by means of the described sensor type combined with a thermistor and a

commercially available skin heater. The results show a linear dependency of

dissolved oxygen concentrations in the physiological range from 0 to 7 mg/l on

the output current. Due to the small dimensions and the flexible character of the

sensor, this device is promising for continuous transcutaneous oxygen

measurements.

3.2 Carbon Dioxide

3.2.1 Miniaturized Severinghaus Sensors

As described in Sect. 2.2, Severinghaus sensors still dominate the known sensing

principles in the sector of electrochemical CO2 probes. Despite the fact that the

Severinghaus sensor can be considered as a gold standard for clinical CO2 blood gas

analysis, a few drawbacks of this sensor concept are still hard to overcome. One of

the major problems consists of the relatively long response time which typically is

longer than 1 min. This is due to the rather slow CO2 diffusion through the

membrane and the equilibration time to establish a stable signal at the pH glass

electrode.

The construction of the pH electrode can be seen as the main factor in terms of

miniaturizing a Severinghaus sensor. It should be a small component of the overall

sensor design exhibiting fast and reliable response characteristics. Known CO2

microsensors use pH electrodes with a liquid ion exchanger (LIX) membrane

Fig. 7 Flexible transcutaneous polydimethylsiloxane (PDMS)-based oxygen sensor described by

Koley et al. [24]. Adapted from [24] with permission
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[29, 30]. However, these LIX-based sensors suffer from drift problems and short

lifetimes which are both related to a leakage of the LIX into the sensor body. An

alternative to overcome these weaknesses of the pH electrode is the use of an

anodically grown iridium oxide film (AIROF). AIROF-based pH electrodes

respond fast to pH changes and have a low signal drift and a long lifetime

[31]. Beyenal et al. [28] reported an improved Severinghaus-type carbon dioxide

microsensor for an application in biofilms using an AIROF as an internal pH

electrode. The sensor setup can be seen in Fig. 8. The authors could demonstrate

a significant improvement of the sensitivity and long-term stability of the sensor

compared to previously described CO2 microsensors based on LIX pH membranes.

The CO2 microsensors have been calibrated in distilled water with various CO2/N2

mixtures and were afterward applied to measure carbon dioxide concentration

profiles in biofilms of Staphylococcus aureus. Miniaturized Severinghaus-type

microsensors are not only an adequate tool for CO2 determinations in biofilms

but also a promising solution for CO2 blood gas analysis. The high integration

factor and tip diameters in the low micrometer range enable a minimally invasive

pCO2 measurement.

3.2.2 Trends in Electrochemical CO2 Sensing

A traditional approach for CO2 determinations during ECMO is a sensor based on

electrolytic conductivity. This principle was first described by Kempen and Kreuzer

[32] in 1975. Gaseous CO2 penetrates through a semipermeable polymer membrane

and dissolves in a defined water volume. The change of electrolytic conductivity

depends on the CO2 concentrations. Compared to other sensor principles where

humidity is a limiting factor, in this case a high humidity level is required in order to

ensure the formation of a stable water film to prevent long-term drifts.

Fig. 8 Anodically grown iridium oxide film (AIROF)-based Severinghaus microsensor. Adapted

from [28] with permission
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Further promising trends in CO2 sensing have been reported during the last

decades which are of particular interest in terms of indirect CO2 blood gas moni-

toring by capnometry or by ECMO exhaust monitoring. Two different configur-

ations of conductivity-type CO2 sensors have been reported. One is the

conventional setup with a two- or four-electrode system determining the impedance

by a cell-dependent measuring frequency. Mirtaheri et al. [33] have fabricated a

cylindrical (Fig. 9) and a planar sensor (Fig. 10). Studies by the same group [34]

resulted in a miniaturized cylindrically shaped cell configuration. They have

presented an ex vivo measurement in a small latissimus dorsi muscle flap of a

pig. This conductivity-based sensor showed similar results as a Severinghaus

microsensor. The other configuration is based on differential conductivity measure-

ment [35]. Water flows continuously through a microfluidic system where it passes

the inner side of a polymer membrane. The conductivity of the water volume is

measured before (upstream cell) and after the diffusion zone (downstream cell).

The difference of conductivity depends on the water flow, the gas flow across the

membrane, and the gaseous CO2 concentration. An advantage of this sensing

Fig. 9 Cylindrically shaped conductivity-based CO2 sensor for biosensor applications. Adapted

from [33] with permission

Fig. 10 Planar conductivity sensor for biomedical CO2 measurements. Adapted from [33] with

permission
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strategy is the attractive response behavior as there is a constant CO2 gradient

across the membrane.

There are various reports on solid-state-based CO2 sensors. Preferred sensor

materials are Li3PO4 combined with a Li2CO3 sensing electrode [36] or Nasicon in

combination with a Li2CO3 j BaCO3 sensing electrode [37]. A solid-state potenti-

ometric CO2 sensor with fast response characteristics was proposed by Wiegärtner

et al. [37] in 2014. The electrochemical sensor of the type CO2, O2, Au, Li2CO3-

BaCO3|Nasicon|Na2Ti6O13-TiO2, Au, O2, CO2 was fabricated in thick film tech-

nology and could be an alternative to the conventional infrared-based capnometer.

The sensor showed a well-defined Nernst behavior according to calibration results

with different CO2 concentrations in the range of 0–5 v/v%. Figure 11 shows a

capnometric measurement in human breathing air illustrating the CO2 concentra-

tion during inspiration and expiration.

Another planar potentiometric CO2 sensor was described by Shin

et al. [38]. They developed a microchemical pCO2 sensor based on both

pH-sensitive and CO2-permeable membranes sensing in a differential arrangement.

Figure 12 shows a cross-sectional view of the sensor configuration. In this case, two

Ag/AgCl electrodes are embedded in a buffered and an unbuffered hydrogel layer

and backfilled with a pH-sensitive polymeric membrane. Different CO2 concentra-

tions result in corresponding pH changes inside the unbuffered hydrogel layer. As

the pH of the buffered hydrogel layer is not affected by different CO2 levels, the

CO2 concentrations determine a defined potential difference between the two

pH-sensitive membrane electrodes. Carbonic anhydrase was added into the

unbuffered hydrogel in order to catalyze the hydration and dehydration of CO2.

This leads to a significant acceleration of the reaction rate and consequently to

shorter response times. Continuous measurements with two solutions for calibra-

tion, four prepared control samples, and a whole blood sample showed good results

compared to a commercially available blood gas analyzer. A long-term experiment

showed that the pCO2 electrode can be operated with good stability for at least

80 days without any loss in sensitivity.

Fig. 11 Capnometric CO2

signal recording using a

solid-state sensor during

respiration. Adapted from

[36] with permission
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A promising concept for simultaneous sensing of pCO2 and pO2 is based on the

use of ion-selective field-effect transistors (ISFETs). A scheme of a typical ISFET

configuration is illustrated in Fig. 13. The first ISFET sensor was reported by

Bergveld [40] in 1970. The fabrication in MOS technology provides a high mini-

aturization or integration level of these sensors. Various ISFET-based sensors for

CO2 and O2 in the context of blood gas sensing can be found in the literature

[41–44]. In 2011, Ekwinska et al. [39] published an optimized electrochemical

sensor configuration for a noninvasive determination of the paCO2 by means of a

transcutaneous measurement. The sensor element contains a highly integrated CO2

ISFET embedded in a plastic housing with heating element, Ag/AgCl reference

electrode, thermistor, and a polymer membrane.

A different concept based on amperometry was described by Fasching

et al. [45]. They have developed a miniaturized amperometric sensor for CO2 in

liquids for applications in clinical blood gas analysis. The detection principle is

based on the pH-dependent dissociation of copper complexes. Different CO2

concentrations result in corresponding pH shifts of the internal hydrogel electrolyte.

These pH variations lead to certain dissociation levels of the copper complexes

Fig. 12 Planar differential CO2 sensor based on buffered and unbuffered pH membrane elec-

trodes. Adapted from [38] with permission

Fig. 13 Scheme of an ISFET blood gas sensor described by Ekwinska et al. Adapted from [39]

with permission
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which can be measured in terms of an amperometric signal. This sensor was

miniaturized down to 100 μm and showed a chemically stable behavior. The sensor

response to different CO2 concentrations was investigated in a computer-controlled

test bench using defined mixing ratios of CO2 and argon both dissolved in water.

Successful applications of CO2 measurements in blood serum were demonstrated.

An advantage of this sensor is its compatibility with advanced MEMS production

techniques.

An interesting novel approach to carbon dioxide sensing was reported by Xie

and Bakker [46]. This concept is based on the measurement of the potential

difference between a pH glass electrode and a carbonate-selective electrode.

Figure 14 illustrates this electrode configuration. Both electrodes are directly

immersed into the sample solution which is in clear contrast to Severinghaus-type

sensors implementing a membrane in order to separate the internal electrolyte from

the sample. In this configuration, the pH of the sample is measured vs. the carbonate

ion-selective electrode (ISE). There is no need for a separate liquid junction

reference electrode. The sensor response to varying CO2 concentrations is shown

in Fig. 15. A good sensitivity was found even for low pCO2 (see Fig. 15 left

diagram). The response time was much faster compared to the Severinghaus sensor

due to the elimination of diffusion processes into the internal sensor compartment.

A τ95% response time of 5 s was reported [46]. A combination of this electrode

arrangement with a classical reference electrode enabled the determination of pH,

pCO2, and carbonate.

Fig. 14 Setup of a novel potentiometric non-Severinghaus concept. The pCO2 is determined by

the potential difference between a carbonate ISE and a pH electrode. Both electrodes are directly

immersed in the sample solution without the use of a separating membrane. Adapted from [46]

with permission
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3.3 Combined Oxygen and Carbon Dioxide Sensors

Integrated sensors allowing the simultaneous determination of pCO2 and pO2 have

a high potential for the development of miniaturized sensors for applications in

clinical analysis [47]. Anjos and Hahn [48] have reported an innovative sensor

which is promising for applications in the field of direct blood gas analysis. The

miniaturized sensor reduces both oxygen and carbon dioxide simultaneously at two

different potentials. Both blood gas concentrations can be measured simultaneously

by means of potential step chronoamperometry. Two types of gold microelectrode

arrays were investigated; the first one containing 37 electrodes (20 μm in diameter)

and the second one containing 256 microelectrodes (5 μm in diameter) were

employed for this measuring concept. The use of gold microelectrode arrays in

combination with very short potential steps could reduce all cross interferences

between O2 and CO2. The calibration behavior of the two prototype sensors was

studied with various mixtures of CO2 in N2 or O2 in N2. The analytical performance

of the sensor could further be improved by reducing the electrode diameter.

Another integrated module for the determination of pO2, pCO2, and pH has been

developed by Suzuki et al. [41]. A planar electrochemical microchip system was

fabricated by ordinary processes of photolithography and micromachining. Mini-

aturized Clark-type and Severinghaus-type electrodes were implemented. The

amperometric signal showed a linear dependence on pO2. For a step change of

the oxygen concentration, a τ90% response time of 20 s was found. The integrated

miniaturized Severinghaus sensor element exhibited the typical potentiometric

sensor characteristics. However, a rather slow response behavior characterized by

τ90% between 150 s (increasing step) and 210 s (decreasing step) was obtained.

Fig. 15 Left: Calibration curve of a conventional Severinghaus sensor (SH) and a novel

non-Severinghaus sensor measuring the potential difference between a pH glass electrode and a

carbonate ISE as a function of log(pCO2/po) [46]. Reproduced from [46] with permission. Right:
Comparison of the response characteristics of both CO2 sensors – the SH and the new pCO2

electrode arrangement. Measured in 0.1 M Tris-H2SO4, pH 8.0 buffer solution for the following

pCO2: (A) 0.0004 atm, (B) 0.0066 atm, (C) 0.0655 atm [46]
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Application of Scanning Electrochemical

Microscopy in Bioanalytical Chemistry

Lı́via Nagy and Géza Nagy

Abstract For more than six decades electroanalytical microsensors have been

employed in experimental life sciences for investigation of physiological processes.

Researchers have been able to assess concentration of different species with good

temporal and spatial resolution at the vicinity or inside of biologic objects. In the

eighties of the last century a remarkable technique, the so-called probe microscopy,

has been developed for studying the microworld. It is named scanning probe

microscopy. Scanning tunneling microscopy (STM) and the atomic force micros-

copy (AFM) were the first probe microscopy methods. Soon after these the elec-

trochemical version of the probe microscopy, the scanning electrochemical

microscopy (SECM) appeared, resulted by the pioneering work of Bard and

Engstrom. One of the most promising application fields of SECM is the bioanalysis.

The availability of sophisticated, easy to use scanning probe instruments and the

development of theoretical background boosted the popularity of electrochemical

microscopy in biosciences. SECM uses high precision three-dimensional position-

ing devices, electrochemical microsensor tip and computer controlled measuring,

evaluating and image formation algorithm; voltammetric, potentiometric, and con-

ductance measuring methods have been successfully employed for studying bio-

logical objects or processes. Accordingly miniaturized voltammetric working

electrodes, ion selective potentiometric microsensors, or conductance measuring

microprobes have been used as measuring tips. SECM measurements showed

details of topographic changes or gas exchange processes over living botanic

samples. Metabolic activity of living individual cells or cell colonies could be

studied without major invasion. Topographic changes of surface confined cells,

transport of different materials through bio-layers could be assessed. Influence of

chemical, radiation, or physical effects on the metabolic activity or surviving rate

L. Nagy and G. Nagy (*)

Department for General and Physical Chemistry, Faculty of Sciences, University of Pécs,
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could be studied. The following chapter shortly summarizes the basics of the SECM

and briefly introduces a few examples where the method was advantageously used

in experiments of life sciences.

Keywords Ion selective micropipettes • Metabolic rate • Reactive oxygen

species • Respiratory activity • Scanning Electrochemical Microscopy • Surviving

rate • Transport through biomembranes • Voltammetric ultra-microelectrodes
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AFM Atomic force microscopy

CV Cyclic voltammetry
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GTC Green tea catechin
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ITO glass Tin-doped indium oxide

MBP Maltose-binding protein

NOEs NAD(P)H-oxidizing enzymes

PMT Photoelectron multiplier

PVDF Polyvinylidene fluoride

RG value Tip radius–measuring disc radius ratio

ROS Reactive oxygen species

SECM Scanning electrochemical microscopy

SG/TC Substrate generating tip collecting mode

SICM Scanning ion conductance microscopy

SNOM Scanning near field optical microscopy

STA Standing approach mode

STM Scanning tunneling microscopy

TG/SC Tip generating substrate collecting mode

1 Introduction

Scanning electrochemical microscopy (SECM) is a relatively new technique. The

invention of it dates back to the second part of the eighties of the last century. In that

time scanning tunneling microscopy (STM) and atomic force microscopy (AFM)

with their enhanced resolution and simplicity have already revolutionized the tools

of surface examinations. Miniaturization of electroanalytical sensors was also

advancing. It was realized by several groups that the small electrode size provides

several advances in basic electrochemistry as well as in chemical analysis.

Research groups working in the field of experimental life sciences developed

miniature electrochemical transducers. Using them they could measure with high

spatial resolution the local concentration of different species in biological systems

like animal tissue slices or in different body areas of anesthetized experimental

animals, or in living plant tissues.

When reports, those we consider today as ground-braking steps in SECM [1–4],

appeared many of us could not immediately see the power of the new technique. In

those first papers we could read about application of carbon fiber or platinum

microelectrodes with diameter of 10 μm or less for tracing concentration of

ferrocyanide or ferricyanide ions inside diffusion profiles, or detecting the changes

of amperometric current at the vicinity of surfaces. In those days neuroscience

groups already used carbon fiber microelectrodes for detecting monoamine neuro-

transmitter related species in vivo (e.g., [5]). Submicrometer size ion selective

electrodes were prepared and inserted inside living cells, from where ion activity

data could be gathered (e.g., [6, 7]). The advantages of using miniaturized

voltammetric electrodes in studying electrode reactions have been already

discussed in broadscale.
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Question can arise about the special features of the SECM that made it a new,

well-known separate technique of electrochemistry. Trying to answer this, we need

to consider the following:

– In earlier studies the positioned microelectrodes were just passive sensors. No

interaction between the sample and the electrode was planned and used in

evaluation. The smallest possible invasion on the investigated system was

favored. In practice of SECM, however, often the sample system is tested

through its interaction with the electrode process taking place at the positioned

microelectrode. This opened new ways in characterizing local properties of

microstructures. Selecting properly the electrode process new features like

local catalytic activity, rate of surface reactions, transport characters of different

species as well as viability or metabolic activity of living cells can be studied

with SECM.

– Appearance of commercial instruments developed in cooperation with the

pioneering research groups in the field made the technique easily accessible

for other research groups not specifically interested in complex instrument

developing research.

– Intensive work with the theory of SECM showed the potential and limits of its

applications.

In our days the SECM is recognized as the member of numerous scanning probe

microscopic techniques. Similarly to the other scanning probe microscopic

methods, it employs a microsized measuring probe, three-dimensional positioning

devices, computerized data collection, and evaluation. Special feature is, however,

that in SECM electrochemical microprobes are used.

Up till now the SECM methods have been far from achieving the high spatial

resolution provided by STM or AFM. However, the straightforward chemical

information obtained makes SECM very attractive for researchers of different

areas.

There are three different main directions of applications where the advantages of

SECM have been proved:

– SECM can provide high resolution images with chemical information about a

variety of samples. It can show concentration distribution of different species,

spatial distribution of catalytic activity, or other kind of surface properties.

– SECM is a well applicable tool in measuring physicochemical properties.

Among these measurements of diffusion coefficients of different species in

different media, quantitative determination of reaction rate coefficient of het-

erogeneous reactions, transport properties through interfaces, or detecting met-

abolic activity of living cells or microbial objects can be mentioned.

– The SECM microtip can be used for delivering controlled microdoses of differ-

ent reagents into different locations. This allows using it as a microtool in

preparing fine structured objects, like microcavities, channels, micropolymer

dots containing catalysts, etc. Furthermore microdoses of drugs or other reagents

can be introduced with the positioned microtip for interacting with live objects.

284 L. Nagy and G. Nagy



From assorted perspective fields of applications of SECM methods different

areas of biological sciences, like molecular biology, microbiology, biotechnology,

cell physiology, etc., seem very promising. Right after the invention of the method,

its power in imaging biologic objects has been tested [8]. As the method is getting

more and more known and the number of laboratories equipped with electrochem-

ical microscope is increasing, a growing number of papers dealing with application

of SECM for investigation of biological processes are published.

There have already been published numerous review papers [9–20], a book [21],

and several book chapters [22] about theory and applications of SECM. In this

chapter we shortly describe the general principle of the technique. We deal with the

special problems of different electrochemical detection methods used in SECM and

introduce some specific microtips most often used in the practice of this

microscopy.

In the second part of this chapter, examples showing the applicability of the

technique for investigation of different biological objects, their function, and

reactions are shown.

2 Methods of Electrochemistry Used in SECM Studies

Three major detecting methods of electrochemistry have been adapted for SECM

studies. They are voltammetry, potentiometry, and conductometry. It must be

mentioned here that scanning ion conductance microscopy (SICM) sometimes

considered rather as an individual scanning probe microscopic technique than

member of the SECM methods. Accordingly, we discuss shortly the SECM prop-

erties of the three detection techniques trying to show the major differences.

2.1 SECM with Voltammetric Detection

Originally SECM has been worked out for voltammetric detection. Ever since, in

most of the electrochemical microscopic measurements amperometric data collec-

tion is employed. In amperometry an appropriate constant electrode potential is

imposed on a working electrode and the current is followed in time. The current

shows the rate of the overall electrode reaction. The transport of the electroactive

species toward the electrode surface is the rate determining step of this reaction.

As it is well known from basic electrochemistry [23], if disc shaped ultramicro

size working electrode is employed in quiescent electrolyte solution containing

constant concentration of an electroactive species, then the diffusion controlled

amperometric current achieves steady value in certain time. The time needed for a

microelectrode for achieving this steady value has been discussed by Zoski

et al. [24] (of course we exclude here electrode fouling, the very small sample
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solution volume, etc.). Simple equation gives the steady state current (it1) when the

electrode surface is in the bulk of electrolyte solution:

it1 ¼ 4nFDca

where D is the diffusion coefficient of the electroactive species reacting at the

electrode, n is the number of electrons exchanged in electrode reaction, F is the

Faraday, c is the concentration of the reacting species, and a is the radius of the disc
shaped electrode.

The geometry of the electrode surface slightly affects it1 value. For taking into

account of it a modified equation has been suggested [25]:

it1 ¼ 4nFDcaβRG

where the coefficient βRG helps eliminating the discrepancy between theoretical

current value and the one measured with a disc electrode of certain geometry. The

coefficient βRG depends on the RG value of the tip. The meaning of RG value needs

explanation. The SECM measuring tip usually has a long conic body with a small,

flat circular end plate. The actual electrode surface is a conductive disc in the center

of this small circle embedded in supporting insulating shield. The RG value is the

ratio of the total tip radius (shield + electrode) to electrode radius. Several numer-

ically obtained equations have been published [25, 26] for calculation of appropri-

ate value of βRG from RG. One of them is shown below:

βRG ¼ 1þ 0:23

RG3 � 0:81
� �0:36

It can be seen that large value of RG> 50 results in βRGffi 1 while RG� 10 gives

correction factor of about 2%. Application in SECM electrode with very thin shield

like RG¼ 2 is not usual in that case βRG would be 1.11, that is, the measured it1
would be about 11% higher than the theoretical one.

If the electrode is brought to the close vicinity of an object, then presence of the

object can change the diffusion flux of electroactive species toward the electrode.

The current reflects this. If the electrode–object distance is smaller than the

diffusion layer thickness, then the object hindering the mass flow can decrease

the current. We call this negative feedback. Of course decrease of the current also

shows up if the object acts as a local sink, decreasing the local concentration of

electroactive species.

On the other hand the proximity of the object can result in current increase.

Local releasing or forming the reacting species by the object results in current

increase. This case is called substrate generating/tip collecting (SG/TC) mode. If

the electrode reaction at the tip is reversible, then its product interacting with the

near surface can be regenerated. The regenerated particles diffusing back through

the narrow gap increase the flux to the electrode. This mechanism of current
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increase is called positive feedback. The extent of this feedback depends on the rate

of regeneration reaction as well as on the gap size and on diffusion coefficients.

Conductive surfaces are able to produce positive feedback, while insulator

surfaces can just show negative feedback. The so-called approaching curves show-

ing the dependence of the current on electrode–surface distance are used for

characterizing these feedback effects. General forms for approximation of the

normalized approaching curves for pure positive and pure negative feedback in

case of disc shaped electrode have been calculated [27] and recalculated

[28, 29]. The forms contain numerical parameters. Their value depends on the tip

geometry that is on the RG value.

The general forms for positive and negative feedback curves are given in [21]

together with tables containing the numerical parameters valid for different RG

values.

Positive feedback approaching curve in case of fast regeneration process fits

within 1% to the equation below if a shielded disc shaped electrode with RG value

of 10.0 is used.

IT Lð Þ ¼ IL
I1

¼ 0:7449932þ 0:7582943

L
þ 0:2353402*e

�1:683087
L

IL is the current measured at L¼ d/a distance from the regenerating surface where

d is the actual distance and a is the radius of the electrode. I1 is the current in the

bulk. IT(L) is the normalized amperometric current.

When an SECM tip with RG value of 10.0 is approaching an insulating surface,

then the reduced current–distance dependence fits well to the following expression

as long as L is ranging between 0.04 and 10.

IT Lð Þ ¼ IL
I1

¼ 1

0:4571825þ 1:4604238
L þ 0:4312735*e

�2:35667
L

� 0:145437*L

5:5768952

Since the negative feedback is caused by hindering the diffusion flux, it is more

sensitive to the RG ratio. Bigger shield decreases more the current than small one.

The feedback effects give chemical information about the approached surface. It

can show that it is isolating or conductive with high speed regenerating electrode

process.

Figure 1 shows approaching curves with positive and negative feedback effects.

Negative feedback mode is often used for obtaining topographic image of

different surfaces. In this case the tip is scanned close to the sample surface in the

XY plane at constant Z coordinate (constant height scanning). Usually the measure-

ment cell contains appropriate background electrolyte and electroactive species

reacting on the tip at the employed electrode potential. Protruding areas on the

surface decrease the amperometric current while pits and valleys allow higher

diffusion flux. Fitting experimentally taken approaching curves to the negative

feedback equation gives hand for Z direction tip–surface distance positioning.
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Positive feedback images obtained over conductive surface in presence of

reversible redox mediators provide topographic image also. In that case higher

current shows thinner gap, that means local protruding area. It is obvious, however,

that if the scanned surface has both conductive and insulating areas, then the current

values recorded at different tip locations cannot be simply transferred to images

showing both the conductive/insulating nature and surface topology. Similarly if

the mediator regeneration process is slow at different locations, then over those

places the positive feedback contribution to the current is smaller. Deconvoluting

the effect of mediator regeneration rate from the effect of topographic conditions

cannot be done easily. Similarly, if local current values are collected aiming to get

images of concentration distribution of certain species, then both the feedback and

the concentration affect the current values. In order to separate these two, constant

distance scanning is recommended that keeps feedback contribution constant. It can

be done if appropriate surface–tip distance measuring method and controlling

mechanism are available. As we can see it later, some of the advanced SECM

apparatus are capable of doing constant distance scanning. Early chemical micro-

scopes could only make constant height scanning on the XY sheet after adjusting the

tip at constant Z height.

Figure 2 illustrates the constant height and the constant distance scanning

techniques. Constant distance method can be used for obtaining chemical informa-

tion free of influence of topographic conditions.

The SECM methods can be listed in two groups regarding the role of the tips. In

the so-called active SECM mode the amperometric signal reflects the interaction of

the tip reaction with the sampled object. When the tip just reports the concentration

of a species at the sampled location, it can be considered as passive mode. It may
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Fig. 1 Normalized current

(IT Lð Þ ¼ IL=
I1 )�

normalized distance (L ¼ d
a)

for feedback responses at

RG¼ 10 (The curves were
obtained using the

equations given above.)

“Approaching” current–

distance curves for positive

(pink markers) and negative

(blue markers) feedback.
I1 is the current in the bulk,

IL is the current with
L distance, d is the distance,
and a is the diameter of the

electrode disc
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worth mentioning here that in case of amperometric detection we can have as active

mode the two feedback- and the tip generating–substrate collecting (TG/SC)

manners.

2.1.1 SECM Tips Used in Voltammetric Mode

Different kinds of voltammetric microelectrodes have been used in electrochemical

microscopy. Preparation procedures of them are well described in original papers

and reviews [1, 30, 31].

Metal microelectrodes for amperometric SECM are made of noble metals like

Pt, Au, and Pt-Ir alloys. Rarely mercury film coated metal or carbon fiber electrodes

are also employed. The electrodes are usually made with circular glass body with

pointy end. The small end plate contains in the center the imbedded measuring

electrode disc. Regardless of the small size the amperometric tips are relatively

robust tools. With special care they can last for years. Platinum and Pt-Ir

microwires are commercially available with different diameter. Therefore very

often scientists make their own SECM tips using quite straightforward, well

described procedures. If a laser based micropipette puller (e.g., Sutter Instrument,

type P2000) is under disposal, then platinum disc tips can easily be made with

submicron size diameter just by pulling a quartz capillary with a platinum wire

inserted inside. Sealing in Pt wire with conically etched end in glass micropipette,

or employing silver coated platinum fiber, the so-called Wollaston wire in electrode

fabrication can result also in ultramicro amperometric platinum tip. From Wollas-

ton wire a hook is made and used to fix the wire inside glass capillary. The silver

coating is etched from the lower end of the wire reaching close to the end. After

washing and drying, this side of the capillary is heat sealed under vacuum. Careful

sanding, beveling, polishing, and making electric connection from inside the lumen

are needed to complete the electrode fabrication.

x

y 

z

(a)

(b)

Constant height

Constant distance

Fig. 2 Comparison of

scanning at constant height

and scanning at constant

distance
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In amperometric SECM the tip–sample distance can be estimated by observing

the feedback effect. This is the important advantage that often helps avoiding

electrode crash or sample surface damage.

Au wires are also available. Owing to the different thermal expansion character

however, more difficult is to make gold microelectrodes with glass electrode body.

Their use is less frequent in SECM.

Carbon Microelectrodes

When electroactive organic molecules are oxidized on noble metal electrode then

often happens that the product of the electrode process stays adsorbed on the

surface forming an insulating film. This electrode fouling less frequently happens

with carbon electrodes. Carbon fibers are used in industrial scale in composite

materials. These fibers are available with diameters of 5–8 and 33 μm. They have

been proven excellent material for microelectrode preparation. Buda and coworkers

[32, 33] first employed electrochemically pretreated carbon fiber microelectrodes

for in vivo measurements. SECM tips with carbon measuring surface can be easily

made of carbon fibers embedding them in appropriate pointy bodies. In order to

make ultramicro electrode the end of the fiber is chemically etched before

embedding.

Usually small volume measurement cells are employed. The cell actually is part

of the SECM microscope set. The object investigated usually is fixed onto the

bottom of the cell. When the constant height mode is used then the cell bottom as

well as the sample surface has to precisely set horizontally. Reference electrode that

is most often a silver–silver chloride quasireference and the counter electrode in

form of a platinum wire are fixed inside the cell.

2.2 SECM with Potentiometric Detection

As it is well known, potentiometry is the simplest and most often used electrometric

measuring technique. In potentiometry the potential difference that is the

electromotive force (often called open circuit potential) between the measuring

and the reference electrodes is measured using a high resistance millivolt meter,

like a pH meter. The concentration of the measured species is determined upon

calibration.

The advantages and difficulties of application of potentiometric detection in

SECM are obvious. It is an important advantage that potentiometric electrodes can

selectively detect local concentration, correctly saying, activity of species not

accessible with voltammetric methods. It is a further advantage that well described

procedures are available for fabrication of ultramicro ion selective electrodes.

There are however serious drawbacks. As it is well known, the potentiometric

electrode is a passive sensor. It just reports the concentration of the observed ion in
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the solution, adjacent to the measuring surface. There is no feedback effect.

Therefore for the estimation of the tip–sample distance a separate method is needed.

The other disadvantage can be the larger response time. If the tip response is

slow, then only a small scanning rate can guarantee distortion free chemical images.

Unfortunately, SECM needs relatively long data collecting time for imaging even

in amperometric mode.

The dynamic behavior of selective potentiometric electrodes has been studied

using different methods and conditions. It was found that in the dynamic concen-

tration range, in absence of interfering ions two major factors determine the

response time if no intensive convection is applied. These are the thin layer

diffusion and the time constant of the measuring circuit.

The electrode potential at t time after concentration change (Et) can be expressed
if the response time is determined by the diffusion [34].

Et ¼ E1 þ Seff log1� 1� a0i
a1i

� �
e�

t
τ

� �

τ0 � δ2

2D0

where E1 is the steady potential in new equilibrium at a0i activity, Seff is the slope of

electrode function, a0i and a
0
1 are the activities of the detected ion in the bulk before

and after the concentration change, respectively, δ is the thickness of the solution

film adhering to the electrode surface, and D0 is the diffusion coefficient of the

detected species in the adhering film.

In case if the resistance (R) and capacity (C) of electrode and measuring circuit

are controlling the response time, then the following form can be used for estimat-

ing Et [35].

Et ¼ E1 � E1 � E0ð Þe� t
RC

When an ultramicro ion selective electrode is used, then the diffusion flux at the tip

is hefty, therefore the contribution of the diffusion is smaller to the response time

increase. However, the RC value can be very high. The smaller the tip the higher is

the R. In case of ion selective micropipette electrodes the resistance can be in the

GΩ range. The capacitance is originating from the double layers at interfaces, and

from the electronic parts and wires. Commercial measuring instruments often

contain capacitance compensating circuit. Homemade units with capacity compen-

sating option have been put together, and used, e.g., [36]. Approximate value of the

capacitance must be correctly guessed and set when capacitance compensation

circuit is used, otherwise instead of elimination of the low pass filtering effect

oscillating voltage signal can appear.

Among the drawbacks the high noise usually observed in potentiometric mode

has to be also mentioned. The leads to the electrodes act as noise picking antennas.

Therefore the possible shortest connecting wires between the preamplifier and the
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cell should be applied. The shielding in case of potentiometric microscopy is

essential if high resistance microelectrode tip is used.

2.2.1 Potentiometric Microelectrodes Used in SECM

The small size electrodes with perspective applicability as measuring tip in SECM

can be listed in three categories. These are glass microelectrodes, metal based

microelectrodes, and ion selective micropipettes.

Life scientists were the pioneers in preparing and using glass microelectrodes

[37–43]. In practice of SECM, however, application of glass electrodes is scarce.

Metal based microelectrodes and ion selective micropipettes became much more

popular. Miniaturized version of silver electrodes could be prepared and used for

measuring chloride or silver ion concentrations [44–46].

Metal oxide film coated metal electrodes can provide reliable potentiometric pH

response. The miniaturized version of them gained application in potentiometric

SECM. For example, a microdisc antimony pH electrode was used by Toth

et al. [47] for investigating measuring function of silver iodide based ion selective

cyanide electrode. Iridium oxide based microelectrode was applied by Wipf and

coworkers [48] for pH imaging.

Ion Selective Micropipettes

Glass micropipettes with tip sizes down to nanometers and with different steepness

are broadscale used tools in life science micromanipulations. From micropipettes,

as it was shown by Walker [49], submicron sized ion selective microelectrodes can

be prepared. For these the internal wall of the tip is silanized and hydrophobic

cocktail plug that contains selective ionophore is introduced. As final step intro-

duction of the internal filling solution and silver chloride coated silver wire serving

for internal reference electrode follows.

The main advantages of ion selective micropipettes are their small size and the

universal, easily attainable procedure of their fabrication [50]. The lifetime of these

electrodes is not longer than a few days, therefore they need to be made just before

their application.

Ion selective micropipettes have high resistance, and short lifetime. They are

fragile tools. Regardless of these disadvantages, they are used in potentiometric

SECM. Potassium micropipettes based on valinomycin or on BME 44 ionophores,

nonactin based ammonium ion selective pipettes [51], or zinc [52] selective ones

were proved well applicable for SECM imaging or line scanning over different

targets.

Interestingly for pH microscopy often micropipette tips have been used [53], in

spite of the existences of several different more stable, less fragile pH microelec-

trodes. Recently development of solid contact micropipettes of improved properties
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has been reported [54–57]. These electrodes have reduced resistance and show

improved lifetime.

2.3 SECM with Conductance Detection, SICM

Detecting ionic conductance with a traveling probe also can be used for obtaining

information about topography of certain surfaces. The first report about taking

advantage of this has been published by Hasma and coworkers [58]. The working

principle of SICM easily can be understood considering the following. An open

micropipette with a small orifice is used as scanned measuring probe. It is filled

with electrolyte and contains a reference electrode, let say Ag/AgCl wire is inside.

A same kind reference electrode is located in the bulk of the electrolyte solution

inside the measuring cell, where the tip is moving. A bias voltage is applied from an

outside source and the current is measured.

The following cathodic and anodic electrode processes take part at the surfaces

of the two electrodes, respectively.

AgClþ e� �Ago þ Cl�

The current between these two electrodes is determined by the charge transfer

resistances Rct R
0
ct and capacitances of the double layers at the two electrodes (Cdl

and C0
dl) and the resistance of the solution. Figure 3 shows the connection of the

resistances and capacitances in the conductivity cell. We suppose that the two

electrodes have large surface area comparing to the aperture of the pipette and we

suppose that the charge transfer process is fast. The ions carrying the charge have to

pass through the small aperture of the pipette tip. In case of given voltage difference

applied, the current is determined by the ionic fluxes through the narrow tip of the

probe rather than the resistance in the bulk of the solutions (Rsol). That means the tip

resistance (Rtip) controls the current (see Fig. 3), Rtip»Rsol.

Cdl
Rtip R sol

C’dl

R’ct

RsolRtip

Rct

Fig. 3 Equivalent circuit of

the conductivity cell

for SICM
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As long as the tip moves inside the bulk of the solution the current stays constant

since Rtip»Rsol. However, if the tip approaches an obstacle that hinders the diffusion

of the ions to the orifice, then part of Rsol between the tip and the obstacle surface

increases. Its contribution to the total resistance depends on the thickness of the

narrow gap that is on the distance between the tip and the surface.

The current change reflects the resistance change that is the distance between the

obstacle and the tip (d ).
We can write that

Rsol,1=Rsol Lð Þ ¼ iT Lð Þ=iT,1

if L is the normalized distance in Z direction L¼ d/a, a is the tip orifice radius, Rsol

(L) is the external solution resistance, iT(L) is the current at L distance, index 1
indicates the values of iT and Rsol when the tip is far from the obstacle.

Combining analytical consideration and numeric simulation an equation could

be given [59] for describing the dependence of the resistance change,

ΔR Lð Þ ¼ Rt Lð Þ � Rt,1 on L

where t index indicates the total solution resistance. It is supposed that Rtip does not

depend on L.
Therefore

Rt Lð Þ � Rt,1 ¼ Rsol Lð Þ � Rsol,1 ¼ ΔR Lð Þ:

And the equation is

ΔR Lð Þ
Rsol,1

¼ �0:708þ 1:5151

L
þ 0:6553 � e�2:435=L

A more detailed theory of the SICM has been worked out by Unwin’s group [60].

In practice constant height scanning or constant current scanning is applied over

the XY plane. In constant current scanning the Z coordinate of the tip is changed to

keep the current constant at each XY locations. In this case ΔZ displacement of the

pipette normal to the surface shows the topography of the sample. The selection of

d distance is critical. In case of large L the relative change of the gap will be small

then no sharp topographic image can be obtained.

Hopping probe ion conductivity microscopy (HPICM) [61] is a new version of

the SICM. In the working program of the HPICM the instrument at every location

on the XY plane starts current measurements with pipette being far from the sample

(reference current). Then the pipette approaches until the current is reduced by a

predefined percentage, let say 1% of the reference. Those Z positions of the tip are

used as Z coordinate for topographic imaging. Then the tip is withdrawn and moved

laterally to the next imaging point on the XY sheet. By continuously updating the
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reference current while the pipette is away from the surface, the method automat-

ically adjusts for any changes.

Question can arise if the SICM can be considered as a chemical probe micros-

copy. While voltammetric and potentiometric probe microscopy methods give

chemical information, about the samples, SICM provides only topographic images

with high spatial resolution. Comparing with other methods its important advantage

is that the probe does not touch the sample during line scan or image making.

3 Tip–Substrate Distance Determination and Control

In SECM the tip follows a predetermined travel program. It moves on the horizontal

XY sheet step by step. The electrochemical instrument measures and records at each

step the signal. Image or the line curve is made from the recorded signals and the

corresponding XY tip location coordinates. The vertical, Z coordinate of the tip

location is also an important feature. It must be adjusted before scanning, and that

coordinate is an important parameter, needed to be given when presenting the

SECM results. As it was mentioned before, two different scanning programs have

been generally used concerning the vertical coordinate of tip location. One is the

constant height method the other one is the constant distance method (see Fig. 2).

In constant height method the Z coordinate of the tip travel is kept constant

(constant height), the tip travel is horizontal. In this case great care has to be taken

for avoiding tilting of the substrate. The tip–sample distance is adjusted at an

appropriate part of the sample surface, and that Z tip coordinate is kept constant

for all the time of scanning. It is questionable how the distance can be measured and

adjusted in the micrometer scale. When amperometric detection is used then

feedback effect helps to determine tip–sample distance. From the current change

resulted by the feedback the actual distance can be estimated knowing the radius

and the RG value of the tip. That is, in practice the distance scale is attained by

recording an approach curve, and fitting it to the appropriate feedback equation.

In case of passive tip, when feedback effect is not available other distance

measuring method has to be selected. Double barrel tip, one barrel for imaging,

the other one for distance measuring, has been successfully applied [51, 52]. In case

of pH imaging double function antimony tip [62] could be used for both distance

measurement (amperometric mode) and potentiometric mode (pH imaging). The

constant height imaging mode is appropriate in case of thin film samples. It requires

simpler apparatus.

For obtaining higher spatial resolution in SECM smaller and smaller tips have

been fabricated and employed. When smaller electrodes are used in feedback effect

based imaging then the tip needs to scan at smaller vertical distance from the

substrate. The tip–substrate crash in this case easily can happen with tilted or

rough surfaced samples. The other problem with constant height scanning in

amperometric mode is that the signal obtained is contributed by two factors. On

one hand the concentration of the observed species at the tip can be higher or
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smaller depending on the nature and rate of the reaction taking part at the investi-

gated surface. On the other one the tip–substrate distance or surface features

seriously influence the local concentration of the diffusing species. The

deconvolution of the convoluted image is not easy. Constant height imaging is

advantageous in case of smooth, planar surfaces or if topographic image relying on

negative feedback is planned to be made.

Scanning the tip at constant vertical distance from the substrate surface elimi-

nates the effects of the surface topography. The image obtained reflects separately

the surface processes without blurring caused by differences in diffusion layer

thickness. Therefore constant distance imaging is advantageous specially, when

submicron size electrode is used. Its application though requires more sophisticated

apparatus and working programs.

Different methods have been worked out and used for distance checking,

adjustment, and control. Shear force based distance control is getting broadscale

applied in SECM. Actually, the nature of the shear force is still not clearly

understood. It is a short range interaction between a thin vibrating probe and the

surface. It is most likely contributed by the viscosity of the surface confined water,

the van der Waals forces, or some kinds of near field atomic forces [63].

Shear force tip–substance distance control originally was introduced in scanning

near field optical microscopy (SNOM) [64–66]. It is based on detecting the

damping effects of the near surface force on vibration of a thin probe. The

resonance of a vibrated thin probe changes upon approaching the sample. Either

amplitude or phase of the vibration can be used as distance control parameter in the

feedback system [67]. The reaching distance of the surface shear forces is very

short. It is not longer than two hundred nanometers. However, below these the

damping effect is very intensive. Therefore a given degree of damping of the bulk

resonance amplitude indicates a very small tip–surface distance. It can be used as

distance controlling signal in constant distance scanning.

The apparatus, being able implementing shear force distance control must be set

with an actuator for providing the tip vibration and an amplitude detecting unit.

Usually piezoelectric actuator is connected to the stem of the tip. It keeps it

oscillating at resonance frequency. For detecting the amplitude different techniques

are used. From the optical methods laser spot diffraction from the vibrating probe

[54], or interferometric technique [68], has been successfully used for distance

detection.

The other, frequently employed method for observing amplitude change relies in

application of a quartz tuning fork interconnected between the probe and the piezo

actuator. The quartz tuning forks are small, micro-machined electronic elements

manufactured in different sizes. They are broadscale used in clocks and watches.

Similarly to the optical tuning forks they have two prongs, with certain resonance

vibration frequencies. Owing to the piezoelectric property of the matter they are

made of, mechanical oscillation of the prongs induces surface charges. These are

picked up through appropriate connecting pads as AC current. Therefore the tuning

fork acts as a mechanical–electrical signal converter. Connected lock-in amplifier

and electronic circuits can produce a signal reflecting the amplitude. When it is used
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in probe microscopy, the tuning fork is attached to a piezoelectric actuator that

makes it vibrating at its resonance frequency. The ultramicro probe is glued onto

one of its prongs, so it is also vibrated. The vibration is damped by the surface shear

forces when the tip approaches very close to the surface. The amplitude change

produces signal for the feedback loop that adjusts or controls the tip–surface

distance. The schematic illustration is shown in Fig. 4 [69] (Fig. 5).

Fig. 4 Schematic design of tuning fork action based distance control unit. The figure was taken

from [69]

Fig. 5 Schematic design of the tuning fork applying distance control system. Figure was taken

from [70]
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4 The Variety of SECMMeasurements in Biologic Analysis

SECM measurements successfully were used in imaging or line scanning over high

variety of different samples. Different species or effects were detected at different

locations for obtaining information about different objects, about their local prop-

erties, or about different processes taking part at different locations.

Parts of these measurements have been using active tips. It was mentioned

earlier that the positive and negative feedback based microscopy is done with active

tips. Similar thing can be said about TG/SC mode [71, 72]. In this case when the

generating tip is close to the sample surface then the concentration of the generated

species is high at the vicinity of the substrate, therefore high signal is observed.

Positive feedback is most often observed at metal surfaces [73] when reversible

mediator is used. Positive feedback can also been obtained when testing biologic

objects, like living cells, see later and [74]. The tip generated redox mediator

passing through the cell membrane into the cytoplasm can be regenerated by an

intracellular redox process [75]. As the regenerated mediator diffuses back into the

extracellular space positive feedback, that means current increase can be obtained.

Positive feedback also can be obtained if the cell membrane contains a redox active

regenerating species. In some cases, the redox active species just selectively linked

to the cell membrane as a label for SECM detection of a membrane component.

Expression of certain membrane protein could be successfully detected using

immunochemical redox enzyme labeling [76]. Figure 4 shows the two locations

of mediator regeneration, one in the cytoplasm and the other at the surface by a

surface confined species (Fig. 6).

Negative feedback mode available in voltammetric or conductometric imaging

can be used for topographic imaging of cells, tissues, bio-layers; measuring of

thickness, or volume of them, following their shrinking, growing, or proliferation in

time (see later examples).

Passive SECM tips do not interact with the samples. They can be used for

imaging local concentration profiles of different species. Living cells,

Lipophilic Layer                                 e-
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Fig. 6 Ways of obtaining

positive feedback in

biologic experiments
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microorganisms, or tissues of metabolic activity create steady local concentration

profiles in their environment. Local pH, and/or local oxygen concentration differ-

ences are generated by breathing or photosynthetic processes. Biological objects

secrete or take in other electrochemically detectable species. This can be the result

of passive diffusion transport through small openings like stomata on plants or

through biomembranes. Sometimes carrier facilitated mechanism, sometimes

active biochemical pump is involved in this transport. SECM therefore can be

used for detecting metabolic activity of living species. As it is obvious enzymes

confined to interfaces can also generate local concentration profiles. SECM can be a

powerful tool in making chemical images that show map of local enzyme activity.

Enzyme labeled histochemical imaging is also a very promising application field of

SECM. (Examples are discussed below.)

5 Examples of Successful Application of SECM

in Bioanalytical Experiments

In the following part of this chapter a few selected examples are introduced briefly,

for showing examples of successful application of SECM in gathering valuable

information about different biological objects.

5.1 SECM Experiments with Botanic Samples

SECM has been proved well applicable for investigating surface morphology of

living botanic samples as well as their physiologic interaction with the environ-

ment. In certain measurements the studied object is immersed in appropriate buffer

media. Redox mediator is added into the solution and the amperometric current is

detected by the tip scanning in close vicinity of the surface. Microscopic image is

made based on the negative feedback effect on the amperometric current. In the

simplest cases the negative feedback image shows the surface topography. Since

the oxygen is electroactive, another image showing the photosynthetic activity can

be made detecting the local concentration of dissolved oxygen at the close vicinity

of the sample. Interesting experiments can be made by changing the illumination,

and by comparing the topographic and oxygen concentration images.

Yasukawa et al. [77] fabricated double disc measuring tip for SCEM measure-

ments. They used it for characterizing both the shape and the photosynthetic

activity of a single, living algal protoplast sample (radius 25 μm) obtained from

marine alga Bryopsis plumosa. Two barrel theta (θ) glass capillary was used for

making the microprobe. Platinum microwires with 0.5–4-μm radii were sealed into

each barrel. Two images were used for characterization. Two images could be

formed: one from the amperometric K4Fe(CN)6 mediator oxidation current data

and another one from the local values of oxygen reduction current. The effect of
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negative feedback on mediator oxidizing current showed the shape of the living

sample, while the amperometric reduction current of oxygen produced upon light

illumination showed the map of photosynthetic activity of the protoplast.

Application of SECM for topographic imaging of plant leafs and detecting

photosynthetic activity of water plant was also reported by Bard’s group [78] in a

preliminary paper. They used 1 μm size platinum disc tip and 5 μm carbon fiber tip

for making topographic image of grass (Ligustrum sinense) leaf surface showing

the stomata structures. Potassium ferrocyanide (K4Fe(CN)6) mediator was used in

these experiments. The photosynthetic oxygen production upon illumination of leaf

of elodea, a well-known aquatic plant, was detected through CVs and SG/TC image

production.

Brassica juncea (brown mustard) is a plant that accumulates heavy metals like

cadmium in its roots. This metal accumulating habit can be used for removing

heavy metals from polluted soils. Interesting question, how the Cd-induced stress

influences the photosynthetic activity of this cadmium accumulating plant. SECM

method allows measuring the immediate stress response at microscale, showing the

change of stomata structure and photosynthetic activity.

Zhu and coworkers [79] investigated the stress response with platinum electrode

made of Wollaston wire that contained Pt wire of diameter 2 μm coated with Ag to

an overall diameter of 100 μm. The ratio of sheath diameter to that of the Pt disc

(RG value) was 8 for their tip configuration. Figure 7 shows the experimental setup

used for imaging the photosynthetic activity of brown mustard leaf, and a few

obtained images.

As it can be seen the SECM experiments with this microtip have provided a

simple and more immediate way to assess the net photosynthetic efficiency of

Fig. 7 The schematic view of the SECM cell used for imaging surface of Brassica juncea leaves

(left) and images obtained (right). (b–d) Shows the individual stomata regions marked by numbers

on (a). Dark blue indicates the high oxygen concentration. The sample extension is given in

micrometer. Figure was obtained from [79]
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individual stoma. The size of single stoma and stomata density on control plants and

treated ones could be estimated based on in vivo recorded SECM images. Stomatal

density and oxygen evolution were noticeably reduced in Cd-exposed leaves. A

Cd-induced decrease in the size of the pore aperture and an increase in the overall

stomatal complex have been observed.

Parthasarathy et al. [80] investigated the SECM behavior of seedling-derived

peanut plants grown in test tube and grown in soil. Polarizing the platinum

microelectrode to �0.5 V vs. Ag/AgCl, sat. KCl reference, the oxygen reduction

current was detected. Difference could be observed between the evolved oxygen

concentration detected over guard cells and over mesophyll cells. Images were

recorded also with platinum tip polarized to 0 V. The electrochemical process that

generated the images at this potential could not be clearly explained. It was believed

that some unidentified electroactive component being on the leaf surface interacts

with the tip. CVs recorded over aging leaves showed the presence of an adsorptive

redox couple in the close vicinity of the surface.

Life wandering Jew (Tradescantia fluminensis) leafs were used as sample sub-

strates in plant physiology studies of Tsinonsky et al. [81]. They used a carbon fiber

microelectrode tip that was prepared by heat sealing carbon fiber (diameter 7 μm)

into glass capillary and drawn down, sanded off the tip, and polished to expose a

carbon disc in its center. Part of the apparatus was placed inside glove bag, in order

to be able to lower background oxygen partial pressure when it was needed. Xenon

lamp provided light for photosynthesis through the connected optical fiber. The leaf

investigated was kept alive by keeping it attached to the plant. It was mounted into

transparent bottom of the measuring cell of the SECM apparatus. The light guiding

fiber illuminated the backside of the leaf through the bottom of the cell.

Topographic images about the leaf surface were made detecting the ampero-

metric reduction current of oxygen in order to see the stomatal complexes. Negative

feedback images were recorded in air saturated buffer solution in dark conditions

where the possible interference of photosynthetic oxygen release was avoided. The

obtained images clearly showed lower current regions (guard cells) around the

higher current spots corresponding to the stomatal pores.

The approaching curves over green leaf areas showed negative feedback effect

in dark, while positive feedback could be observed after turning on the light. The

difference between currents measured in dark and in illuminated conditions showed

up well when the oxygen concentration was reduced in bulk of the buffer.

The effect of light turn on and off was studied in SG/TC mode. The current

change was quite extensive over green areas. However, the fluxes of oxygen from

the white area located around the stomata were found extremely small. However,

when the tip was positioned over those white areas the current increased turning the

light on and decreased upon turning it off. This proved that the released oxygen is

resulted also by photosynthetic process. The production in white area is small since

in those areas the chloroplasts concentration is small.

Plants called halophytes are capable living in environment of high salinity. The

salt tolerance is an important character. Agriculture production could be improved

in salty areas, if cultivated plants could be furnished with this feature. Halophyte
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plants upon exposing to high salinity respond with root growth and salt excretion in

their leaves. It has been hypothesized that the salt excretion happens as a function of

special excretion glands [82]. For obtaining proofs for existence and function of

these salt glands Parthasarathy and coworkers [83] carried out extensive studies

with SECM. They picked Bermuda grass (Cynodon dactylon L.) as sample, a salt

tolerance plant that has been used in therapy of different diseases. The field

collected explants were washed, sterilized, and inoculated in appropriate buffered

media. Subcultured Bermuda grass leaf samples were fixed onto the bottom of the

measuring cell and a 10 μm diameter Pt microelectrode (RG¼ 10) was used as

SECM probe. Recording images following the amperometric oxidation current of

ferrocyanide mediator over the adaxial and abaxial surfaces of the leaf, the negative

feedback topography indicated the existence of the protruding gland cells. Imaging

with electrode polarized to �0.8 V the local oxygen concentration was also

detected. The photosynthetic process influencing the local oxygen concentration

can interfere with the oxygen reduction based topographic images. Optical micro-

graphs taken from the safranin stained tissue samples also proved the existence of

the glands. Furthermore impedance measurements over the glands were also made.

The overall results proved the applicability of SECM in studying plant physiologic

tasks.

5.2 Topographic Imaging of Living Cells

In a collaborative work of Baur et al. [84] the applicability of negative feedback

mode SECM for investigation of dynamic changes of living cells was tested. In

their experiments PC12 dopamine-releasing immortal cell line established from rat

adrenal glands was used as model. These cells upon exposed to nerve growth factor

(NGF) can differentiate, and can grow neurite processes that make synaptic con-

tacts with other cells. The authors tested several mediators previously used in

SECM trying to find less toxic ones with no predictable short time effect on the

physiology of the cells and having appropriate redox potential that avoids interac-

tion with electroactive species like dopamine released by the cells and giving good

electrochemical behavior on carbon fiber electrodes. Five of them: ascorbic acid,

1,4-benzochinone, Ru(NH3)6
3+, 4-amino TEMPO (4-amino-2,2,6,6-tetramethyl-

piperidinyloxyl), and 4-hydroxy TEMPO (4-hydroxy-2,2,6,6-tetramethylpiperidine

1-oxyl) were selected for the work. Glass insulated and polymer insulated carbon

fiber electrodes of different sizes were used. The applicability of the SECM for high

resolution imaging of the PC12 cells was proved. Interestingly the neurites

extended by the cell, not visible in optical microscope clearly showed up in

SECM images. The method could be used for real-time observation of cell mor-

phology changes. It was shown by exposing the cells to hypotonic and hypertonic

extracellular conditions. Swelling and shrinking of the cells change the distance

between the cell and the tip. This is reflected by the feedback current.
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Razzaghi et al. [85] used SECM in studying the morphology and morphology

changes of individual cells of EA.hy926 cell line (human umbilical vein cell line).

This cell line was prepared by fusing of human umbilical vein endothelial cells

(HUVEC) with permanent human cell line A549. Pt disc tip with a diameter of

10 μm and 5 mM [Ru(NH3)6]Cl3 redox mediator in 0.1 M KCl have been used.

Constant height scanning technique was employed. The current of [Ru(NH3)6]
3+

reduction was followed during scanning the tip over the immobilized living cells.

The local values of feedback current could be used for image formation. The

contrast of the images recorded over cells grown on classical 6 well plates was

poor comparing it to images recorded over cells fixed on conductive ITO glass

surface. The reason was obvious. Positive feedback over ITO glass increases the

current while over the cells and plastic surface negative feedback dominates. The

enhanced contrast provided by the conductive support helped in investigating the

drug induced morphological changes of the cells. Submitting the living EA.hy926

cells to Combretastatin A4, antivascular drug, their original elongated shape con-

siderable changed, they became round.

Recently Matysik and coworkers [86] demonstrated the applicability of SECM

tip for treating individual cells. They used homemade ultramicro platinum elec-

trodes with effective radii between 200 and 600 nm and nontoxic mediators like [Ru

(NH3)6]Cl3 and ferrocene methanol (FcMeOH) for SECM imaging. Monolayer of

normal rat kidney epithelial cells was confined and cultured on microscope glass

cover slips as sample surfaces. Parallel imaging with confocal laser microscope and

SECM were performed. Owing to the small tip size high resolution images showing

the individual cells could be obtained with constant height technique. The tip was

used to attack individual cells with electrogenerated local pH shock. Necrosis of the

selected individual cell was achieved. Morphological changes resulted by the cell

necrosis could be detected with SECM imaging.

Imaging metabolic activity of a single cell is a challenging topic. Recently

Matsue and coworkers [87] investigated the influence of tip reaction on the imaging

of yeast cells in SG/TC mode. They detected activity of intracellular cytosolic and

mitochondrial enzymes (NAD(P)H-oxidizing enzymes, NOEs) catalyzing electron

transfer from NAD(P)H to quinone substrates. Dual mediator system, containing

lipophilic menadione and hydrophilic ferricyanide [Fe(CN)6)]
3� provided

increased current on nanosize platinum electrodes at the vicinity of single yeast

cell with acceptable signal/noise ratio. The current increase resulted by the intra

cellular redox reaction. The lipophilic menadione entering the cell interacts with the

intracellular NOEs to form menadiol. It diffuses back into the extracellular solution

where it reduces the ferricyanide. (Figure 9 shows the menadione/menadiol redox

process.) The signal was generated by the amperometric oxidation of ferrocyanide

[Fe(CN)6)]
4� at the tip. The tip acts as a sink for ferrocyanide, accordingly it

influences the chemical environment of the cell. Different size platinum tips were

used in order to check the extent of this. Electrode with tip diameter of 11.9-μm
changed substantially the concentration at the cell environment influencing the

intracellular processes, while electrode with 199-nm tip diameter produced very

noisy signal.
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For improving single cell level efficiency imaging of biological objects

Takahashi et al. [88] fabricated double function probes with tip size in nanometer

range. The probes could be used for both optical and electrochemical imaging.

They were made of single mode optical fibers or glass capillaries. Steep conical

ends of them were formed using puller apparatus. These optical microprobes could

be used for topographic imaging. Conical electrodes were formed by sputtering

their surface with Ti/Pt nanofilm, and subsequently insulating it with xylene

polymer. The imaging was done with employing shear force method for sample–

tip distance control. For this, the probe was attached to one of the prongs of a tuning

fork and vibrated with a piezoelectric vibrator placed between the tip holder and the

other prong of the tuning fork. Resonance frequency vibration of the probe was

induced. The shear force changes generate signal for action of distance controller.

Using the so-called standing approach (STA) tip–traveling data collecting mode

high resolution images could be obtained from cells. The STA imaging is similar to

tapping mode scanning used in other probe microscopies, like in AFM. Its data

collecting program is the following: The tip follows a preset travel pattern in the

horizontal XY plane at a relatively high distance from the surface. At every data

collecting XY location it stops and the Z direction positioning motor is activated.

The tip is approached to the sample surface in vertical (Z ) direction and the shear

force signal is continuously followed. The Z coordinate, where the shear force

changing reaches a trace level is accepted as reference sample–tip distance. Upon

reaching this distance the tip is detracted by a preset few micrometers and the

electrochemical signal is recorded together with the tip coordinates. The tip is lifted

up and the process repeated at the next XY spot.

Schuhmann’s group recently proposed [89] a method for recording multiple

constant distance images. The method that is called four-dimensional shear force

based constant distance mode scanning electrochemical microscopy (4D SF/CD-

SECM) allows taking several images at different preset tip–substrate distance at a

relatively short time. An optically detected shear force distance controller unit helps

to bring with Z direction approach the thin carbon disc electrode into the very close

vicinity of the surface at every lateral XY grid points.

When inside the shear force regime, threshold amplitude, like 80% of the

amplitude observed in the bulk is reached then the approaching and shear force

detecting are stopped. The position, together with the corresponding tip current

value, is stored in the computer memory. The Z coordinate taken at the threshold

distance shows the topography at XY coordinate. After recording the closest dis-

tance values the tip is retracted in predetermined increments and at each positions

the chemical tip signal is recorded. After recording the signal at each Z distances,

the tip is moved to the next XY sampling grid point, the shear force detection and the

approaching are started again and the previous measuring cycle is repeated. After

each grid points were “visited” constant distance images could be extracted from

the collected “4D” data fields relating to different constant distances. As indicated

above, topologic image could be also prepared combining Z coordinate of the

threshold reaching shear force signal with the X and Y coordinates of the tip

location. The advantage of the proposed routine is the shorter scanning time in
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making multiple constant distance imaging. Also this routine safely avoids tip crash

even in large sampling areas.

An SECM method was worked out [90] for observing the morphological

changes of a single live human bladder cancer cell (T24) in time. The cells were

kept in transparent plate and inverse optical microscopic observation was employed

parallel with the electrochemical measurements. A platinum microelectrode (diam-

eter 5 μm) was positioned about 0.8 μm above the nucleus of the target cell and

scans crossing the cell center in the XY plane were made recording the local current

values. �0.5 V electrode potential has been selected for the studies. In the applied

conditions the reduction of the dissolved oxygen gave the major component of the

current. The negative feedback effect showed the topography that is the morphol-

ogy of the cell. Small areas were scanned (80� 60 μm or 80� 80 μm) with

256� 256 pixels. This provided short acquisition time of about 3 min for each

image. Therefore real-time observation of morphological changes of the single live

cells could be done with enhanced resolution. It is an important advantage of this

SECM method that no external mediator or marker is needed. The authors visualize

that with their method effect of different anticancer drugs on the cell physiology can

be studied. Zhang and coworkers [91] using very similar SECM method investi-

gated the evolution of reactive oxygen species (ROS) at single cell level. Similarly,

live human bladder cancer cell (T24) fixed on the bottom of a Petri dish was imaged

moving a platinum microdisc electrode (diameter 5 μm) in the XY plane at constant

level horizontally. Probe approaching curves also were recorded over the cell and

analyzed. �0.6 and �0.8 V electrode potentials were selected for the experiments.

Negative feedback effect of the oxygen reduction competed with the positive

feedback produced by the ROS release into the extracellular media. Apparent

positive feedback indicated intensive ROS release. Relatively short time consecu-

tive scans showed that ROS release has a cyclic timescale. Period of intensive ROS

release is followed by period when the cell does not release it. The release in the

active period has a steady rate. The authors investigated the effect of anticancer

drug cisplatin on the ROS release intensity and kinetics. Cisplatin (SP-4-2)-
diamminedichloroplatinum(II) is a broadscale used anticancer drug. Its therapeutic

action is believed to rely on its triggering effect on programmed cell death (apo-

ptosis). It was found that cisplatin significantly accelerated the periodicity of the

ROS generation cycle of T24 cell. The observations also showed enhanced ROS

productivity.

In a recent study the same authors [92] investigated further the influence of

cisplatin on the physiology of T24 cancer cells with their SECM technique. They

employed FcMeOH redox mediator. Quantitative time-course images were made

and the topography and membrane permeability changes were observed. It was

found that acute addition of cisplatin to the outer environment of T24 cells

immediately induced membrane permeability change. The loosening of the cell

membrane permeability was a quick process. After the short period no more

continuous increase of the permeability could be seen. It could be concluded that

the increase of the cell membrane permeability is involved in the apoptotic process
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induced by cisplatin. The SECM measurement could give some insight into the

anticancer action.

5.3 Imaging Metabolic Activity of Cells and Microorganisms

In vitro fertilization and embryogenesis is getting common in studying physiologic

processes as well as in biotechnology, in infertility treatment programs, and in

animal breeding practice. The oxygen consumption of embryos can give informa-

tion on their vitality. Shiku and coworkers [93] investigated the applicability of

SECM technique for invasion free measurement of this property using single

bovine embryos obtained from in vitro fertilized oocytes. They kept the single

embryo (morula) in a thermostatic microculture dish on the plate of an inverse

microscope in water-saturated 5% CO2 and 95% air gas atmosphere. Platinum disc

working electrodes with 1.8–0.9 μm radius embedded in 4 μm glass shield radius,

polarized to �0.6 V vs. Ag/AgCl were used for measuring the oxygen reduction

current.

In estimation of the oxygen consumption it was assumed that the oxygen

concentration at the spherical morula surface is uniform. Then the concentration

at distance r, C(r), can be expressed as

C rð Þ ¼ Cs � C∗ð Þrs
r � rs

þ C∗

where rs is the radius of the morula sample and C* and Cs are the concentrations of

oxygen in the bulk solution and at the sample. By plotting C(r) against r/(r� rs) the
authors could determine C* from the intersection at r/(r� rs)¼ 1. The oxygen

consumption rate (F) was calculated as

F ¼ 4πrsD C∗ � Csð Þ

where D is the diffusion coefficient of oxygen in aqueous media at the temperature

of the measurements (37�C). It was shown that the ΔC¼ (C*�Cs) value is a

significant indicator of viability and further developmental potential of an individ-

ual embryo.

A platform for SECM measurements on high number microtissue samples was

prepared by Sridhar et al. [94]. They used hot embossing technique to stamp a

microwell array in the bottom of polystyrene Petri dish. Array of 42 pits with

200 μm height, 400 μm diameter, and 800 μm spacing between them was made

using polydimethylsiloxane stamp. Large scale microtissue samples of different

cell lines were grown in the pits. The oxygen concentration in buffer media over the

pits was detected with mercury coated 10 μm platinum SECM tip. Line scans,

15 μm over HeLa microtissue samples containing pits, were made for detecting the

respiration rate. Figure 8 shows the experimental setup (scheme A) and the oxygen
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reduction current (curve B) before treatment (gray line) and after treating the tissues

with 50% ethanol for 45 min (black line). It can be seen that before exposing to

ethanol the living tissue consumed oxygen. After exposure the oxygen concentra-

tion was practically constant along the line scan indicating that the microtissue

samples were not viable any more.

Nagamine and coworkers [95] investigated the effect of osmotic stress on the

bacterial response of glucose stimulated change of metabolic activity of Staphylo-
coccus aureus pathogen bacteria. They positioned with a homemade SECM appa-

ratus a platinum disc electrode of 10 μm radius over 50 μm distance from surface of

collagen entrapped bacteria culture spots. Circular micropores with 300 μm diam-

eter opening and 50 μm depths were etched on glass surface for using as

microcontainer for the collagen–bacteria gel.

For measuring the respiratory activity of the bacteria they used 5.0 mM K3[Fe

(CN)6] hydrophilic mediator added to the PBS buffer electrolyte. The mediator

after passing through the cell membrane could interfere with the respiration cycle

and got reduced. As the formed [Fe(CN)6]
4� diffused back to the buffer through the

gap, its mass flow could be detected recording the amperometric current at 0.6 V

electrode potential. In this case the oxidative current depends on the transport and

permeation rate of the mediator as well as on the metabolic activity of the culture.

Addition of 20 mM glucose was used to stimulate the metabolic activity. The

behavior of Gram-negative Escherichia coli and the Gram-positive S. aureus cul-
tures was compared.

Interestingly without osmotic stress high glucose response that means current

change was obtained for E. coli culture and only marginal response for S. aureus. In
presence of osmotic stress induced by 1.0 M Na2SO4 the glucose response of E. coli
decreased, while for S. aureus it was quite big. It was expected that the hydrophilic
[Fe(CN)6]

3� cannot easily penetrate into the Gram-positive species. Therefore the

high glucose response of S. aureus in presence of osmotic stress could be resulted

by change of diffusion character of the cell membrane. The respiration rate dom-

ination of the oxidation current change upon glucose addition in stress free

Fig. 8 SECM study of microtissue samples grown in array platform. Scheme showing the

experimental SECM setup (a). Line scans over the tissue samples showing the oxygen reduction

current before (gray line) and after treatment with 50% ethanol (black line). (b) Measurements

were performed in HEPES buffer at �0.6 V vs. Ag/AgCl with a 10 μm Hg-coated Pt working

electrode; scan rate of 10 μm/s. Figure was taken from [94]
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condition for E. coli could be proved with changing the mediator concentration.

Using the SECM technique the accelerating effect of osmotic stress on respiration

rate of S. aureus could also be proved. It was expected that using hydrophobic

mediator, like menadione the effect would be more apparent.

The metabolic activity of E. coli bacteria culture entrapped in collagen gel was

studied by Kaya et al. [96]. The cultures were immobilized in conic and cylindrical

microwells etched on glass surfaces. Platinum microdisc electrodes were used as

measuring tip. The bacteria culture obtained glucose as nutrient and potassium

ferrocyanide (K4[Fe(CN)6]) was introduced into the buffer. Concentration profiles

of oxygen and ferricyanide ([Fe(CN)6]
3�) were recorded over the culture with

SECM apparatus. The production rate of oxygen and ferricyanide ions could be

estimated by measuring the concentration at different distances from the surface,

and assuming hemispheric diffusion from the surface. The comparison indicated

that the ferricyanide production rates were larger than the oxygen consumption rate.

The authors explain the difference by the difference in the number of electron

(s) required for the redox reactions. Pointing out that in the respiratory chain,

oxygen is reduced to water via 4-electron reduction, whereas only one electron is

involved in the ferricyanide/ferrocyanide redox process.

Micro-contact printing with poly(dimethyl siloxane) (PDMS) stamp was used

for making a pattern on which HeLa cells from human cervix epithelial cell line

were grown [97]. SECM imaging was used for investigating the respiration activity

of the immobilized, patterned cells. In this work platinum disc tip, with 5 μm
diameter, polarized to �0.5 V vs. Ag/AgCl electrode was used, so the local

concentration of oxygen was detected through the amperometric current. The

measured concentration values at certain distances allowed a rough estimation of

the intake of oxygen by the cells.

Various types of genetically engineered microbial strains have been created by

fusing a DNA damage-inducible gene with reporter genes, like β-galactosidase
(β-Gal). β-Gal expression can be detected electrochemically using p-
aminophenyl-β-D-galactopyranoside (PAPG) substrate. The β-Gal catalyzes the

hydrolysis of PAPG that results in p-aminophenol (PAP) production. PAP is

electroactive. It can be oxidized to p-iminoquinone at platinum electrode surface

using a relative low electrode potential.

Matsui et al. [98] worked out a mutagen testing method using genetically

engineered Salmonella typhimurium TA1535 strain with a plasmid pSK1002 car-

rying a umuC‘–’lacZ fusion gene. In their work the cells were embedded in a

microcavity (5 nL) on a glass substrate using collagen gel. The β-Gal expression on
the microbial chip was electrochemically monitored as said before with the SECM

apparatus. Upon treating with mutagens the UmuC‘–’LacZ fusion protein was

expressed from the pSK1002 plasmid showing β-Gal activity.
Detection of PAP by platinum microelectrode tip was used also for monitoring

solubility of maltose-binding protein (MBP) in living E. coli DH5 entrapped in

collagen matrix [99]. The bacteria cells had been transformed with specially

constructed plasmid. They produced MBP target protein fused with β-Gal reporter.
In SECM experiment PAPG was added into the buffer. In this way the PAP
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concentration dependent amperometric current showed the β-Gal activity in the

media that is the concentration of MBP.

An array of microwells filled with the bacteria gel was prepared. The PAP was

detected in the wells. The release of PAP into the extracellular liquid indicated the

β-Gal activity that is the solubility of the MBP. The authors used a Pt microdisc

electrode (radius, 10 mm) as the probe set to 0.30 V vs. Ag/AgCl to record the

oxidation current of PAP produced in βGal catalyzed hydrolysis of PAPG.

The reporter gene system is the most commonly used method for monitoring

gene expression within cells. Several types of proteins have been employed as

reporter. The secreted alkaline phosphatase (SEAP) could be also advantageously

used because it is secreted into the culture medium and it also could be detected

electrochemically. Torisawa et al. [100] have developed an electrochemical mon-

itoring platform for SEAP reporter assays employing SECM. In their work genet-

ically engineered SEAP producing cells in collagen matrix were immobilized in an

array of pyramid like cavities on silicon substrate. SEAP expression of the cells

could be triggered with exposing to α (TNFα) tumor necrosis factor. Cellular SEAP

expression was detected by adding p-aminophenyl phosphate (PAPP) to the media.

In the enzyme catalyzed hydrolysis PAP was formed that was electrochemically

oxidized at the platinum SECM tip. The respiration activity of the immobilized

cells was also checked by detecting the local oxygen concentration over the cell

containing cavities with the SECM apparatus. The authors tested the SECM-based

assay for in situ monitoring of cellular SEAP expression and found reliable. The

feature allowing simultaneous measurements of cellular signal transduction and

respiratory activity appeared as an important advantage.

One way is to use SCEMmethods for estimation of intracellular redox activity of

living cells without major interferences can be the measurement of transmembrane

charge transfer rate with ultramicro electrode placed close to the cell surface. An

appropriate redox mediator is added to the media and the reduction or oxidation

current of it is recorded. If the mediator can pass through the membrane, then it can

be regenerated by intracellular redox processes. Diffusing back to the electrode

surface it can increase the current that means the redox activity is reflected by

transmembrane positive feedback. The applicability of this method was tested by

Mirkin’s research group [101–103]. The redox activities of nonmetastatic and

metastatic human breast cells were compared through the observed charge transfer

(CT) rate. In these studies a two-electrode setup was used with either a 5.5-μm
radius carbon fiber UME tip, a 5-μm Pt tip, or a 1-μm Pt tip. Different hydrophilic

and hydrophobic mediators were employed in the media. The ultramicro electrode

tip was positioned to the close vicinity of the cell surface. Using lipid-soluble

mediators like menadione or 1,2-naphthoquinone significant difference was

obtained between intracellular redox activity of nonmetastatic (MCF 10A), a

non-tumorigenic epithelial cell line, and that of metastatic (MDA-MB-231), breast

cancer cell line. The redox reactions involved in electrochemical reduction of

menadione mediator and intercellular regeneration of it are shown in Fig. 9.

Spatially resolved redox activity map can be made by doing two-dimensional

scanning over differently prepared individual live sample cells or tissues. The
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differences by redox activity can be used for distinguishing metastatic human breast

cells from nontransformed ones. The authors predict [104] that in the future redox

reactivity data collected by SECM measurements will be used successfully to

predict breast cell metastatic potential.

Redox balance in a living cell is an important factor that affects proliferation,

differentiation, and cell survival. Changes of it are believed to contribute to

progression of diseases. It has been observed that the expression of oncogenes

affects redox balance inside cells. The glutathione disulfide (GSSG)/glutathione

(GSH) balance directly correlates to the overall cell redox balance. The cancer

related alteration of the redox balance has been investigated in a work [105]

recently published. The authors employed extracellular SECM method for

assessing the GSSG/GSH balance being inside single cultured MCF10A cells.

Normal and transformed/cancer cells were raised, and their features were

compared.

A retroviral construct containing an oncogenic form of Ras (pBabeRasV12)

infector was used for preparation of cancer sample cells and using the empty vector

(pBabe) as infector for obtaining control cells. In the experiments FcMeOH redox

mediator was added to the media. At the surface of the SECM tip the oxidized form

of it (FcMeOH+) has been generated. If the tip was close to the cell membrane, then

considerable part of the oxidized mediator entered the cell, where depending on the

redox balance it got reduced. As the regenerated FcMeOH diffused back to the

electrode an increase of the current could be observed. The negative feedback effect

was decreased or positive feedback could be seen. Measurements were performed

in PBS containing 1 mM FcMeOH with a 10 μm Pt electrode polarized to 0.5 V

vs. Ag/AgCl reference electrode. Constant height scans and tip approach curves

were made. The faradaic current was significantly higher over the transformed

cells. This indicates that the intracellular FcMeOH+ reduction efficiency of the

cancerous cells is higher than that of the normal ones.

In order to prove the diagnostic applicability of the method surgical samples

from a patient affected by lung adenocarcinoma were taken. Primary tumor and

normal cells were obtained by enzyme digestion of the tumor and of the normal

tissue. The cells after cultivation were subjected to SECM experiments. SECM

measurements were made with ferrocene carboxylic acid (FcCOOH) mediator to

assess separately the negative feedback interaction. FcCOOH cannot permeate the

cell membrane therefore it could show only the cell topography. The negative

2-Methylnaphthalene-1,4-dione

menadione

2-Methylnaphthalene-1,4-diol

menadiol

2H +2e
-

E 
½   

= 380 mV vs. Ag/AgCl, pH= 7Fig. 9 Electrode reaction

involved in SECM testing

of redox activity of

cultivated human breast

cells. Dione is reduced to

diol at the electrode,

reoxidized inside the cell.

Positive feedback is

observed [102]

310 L. Nagy and G. Nagy



feedback effects over the two different cells were almost identical. Using FcMeOH

the intercellular mediator regeneration increased the current. An index of mediator

regenerating activity (Ri) has been defined for comparison of character of different

cells.

Ri ¼

Z 6

L¼0

IT � INF
Z 6

L¼0

INF

where IT is the tip current with FcMeOH, INF is the negative feedback current, and

L is d/a that is the ratio between the tip–surface distance and the measuring tip

radius.

Ri¼ 0.25 value was obtained for the cancer cells while only Ri¼ 0.05 for the

normal ones. The significant difference shows that the method provides a reliable

cell level way for cancer diagnosis.

Drug resistance develops in certain cancer cells. It is assumed that action of

MRP1 transmembrane protein helping to remove therapeutic agents from cancer

cells can be responsible for drug resistance. In order to study this, single cell level

comparative SECM experiments were carried out [106] with genetically modified

HeLa cells and wild-type cells (HeLa-R) with overexpressing protein MRP1. A

side-by-side co-culture pattern of HeLa cells and HeLa-R cells was fabricated and

was subjected to SECM studies. FcMeOH mediator was used for imaging the redox

activity of the cells. Measurements with hydrophilic [Ru(NH3)6]
3+ mediator were

also made in order to deconvolute the topographic contribution from the redox

activity signals. A heterogeneous rate constant of FcMeOH+ reduction could be

calculated. It was concluded that the mediator regenerating rate constant measured

12 μm above HeLa-R cells was about 2.4 times higher than over HeLa cells. The

applicability of SECM in investigation of evolution of drug resistance process as

well as detection of resistant cells could be foreseen.

Green tea catechins (GTCs) are considered as promising therapeutic substances

in cancer treatment. One of the most studied GTCs is epigallocatechin gallate

(EGCg) having the strongest antioxidant and preventive effect against chronic

diseases like diabetes, neurogenerative disease, and cancer. In a recent study

[107] living human adenocarcinoma cervical cancer cells (HeLa) were exposed to

EGCg and the change of redox balance of the cells was tested using SECM. In the

experiments the cells were grown on the bottom of Petri dish and platinum

microelectrode polarized to 0.4 V was used making approach curves and line

scans over the cell. The cell support media contained 1 mM FcMeOH redox

mediator. The current increased as the tip was moved over the cell. This indicated

that the cell interacted with the FcMeOH+ produced at the electrode. The current

increase shows the cell redox environment. The mechanism is the following:

FcMeOH diffuses into the cell, where it promotes the intracellular generation of
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GSH. The altered ratio of the redox couple GSH/GSSG results in an increase of

GSH efflux from the cell. The GSH reduces FcMeOH+.

After initial test the cell was incubated for 1 h in solution containing 25 mM

EGCg. Next the GTC containing solution was replaced with cell supporting solu-

tion containing FcMeOH, and line scans were made 12 μm above the cells in

different times. After exposure to EGCg the tip current over the cell increased,

indicating a high FcMeOH+ regenerating activity. However it decreased steadily in

time. This proves that exposure to EGCg leads to increase of cellular GSH.

Glutathione is trying to protect the cell from oxidation attract of the adsorbed

aldehyde. When the time of exposure is too long or the concentration of the

EGCg is too high, then the protective mechanism cannot cope and irreversible

cell death takes place. The results that show the timescale of the change of cellular

metabolic activity confirm the beneficial effect of EGCg on cancer cells and explain

mechanism of its action.

Experiments for testing intracellular redox reactions were carried out [108] with

Rhodobacter sphaeroides bacteria. In these works different hydrophobic and hydro-
philic redox mediators were used for carrying the redox state between SECM

microelectrode in solution and intracellular redox sites. The bacteria have two

membranes, the outer cell membrane and the cytoplasmic membrane. Hydrophobic

mediators are capable of permeating both. The effective rate constants of redox

reactions of such mediators with intracellular redox moieties showed correlation

with the formal potential of the mediator. Hydrophilic ionic species on the other

hand can only cross the outer membrane of the bacteria and can react with redox

centers in its periplasm. The relationship between reaction rate coefficient and

formal potential of the hydrophilic mediator however is not linear.

Menadione (2-Methylnaphthalene-1,4-dione) is a cytotoxic compound, structure

shown in Fig. 9. It easily can take part in a one-electron reduction too, resulting a

semiquinone that easily gets reoxidized to quinone. In these redox reactions cell

damaging reactive oxidizing species (ROS) are formed. Menadione is an amphi-

philic molecule, water soluble enough to have relatively high concentration in

aqueous media, but also can pass through lipophilic cell membranes. When entering

in a living cell it reacts with intracellular GSH. The obtained S conjugate, thiodione

(see Fig. 10), is more hydrophilic, therefore it cannot pass through the cell mem-

brane with spontaneous passive transport. In living cell an ATP-dependent pump

mechanism helps transferring this metabolite into the extracellular space. Extracel-

lular thiodione is electroactive. It can be detected voltammetrically.

Fig. 10 Structure of (thiodione) 2-methyl-3-S-glutathionyl-1,4-naphthoquinone mediator

312 L. Nagy and G. Nagy



The outflux intensity of thiodione from a cell can characterize the viability of

cells treated with menadione. The thiodione transport through life cell membranes

was investigated by Bard’s group [109] with SECM. They used malignant originate

Hep G2 liver cells immobilized on inverse microscope plate as substrate and SG/TC

measuring mode with a 10 μm platinum electrode. The SECM method allowed

measuring the thiodione concentration at different distances from the biofilm at

different menadione concentrations and incubation times. Using concentration

value and constant flux model they could estimate the thiodione flux from a single

cell. It was 1� 10�17 mol s�1 per cell that corresponds to 6� 106 molecules

released by each cell in a second.

There is another mechanism that protects the cells from toxic effects of qui-

nones. It is the reaction catalyzed by the NAD(P)H:quinone oxidoreductase (NQO)

(EC 1.6.5.2) enzyme. In this two-electron reduction the diol is formed. It can pass

through the cell membrane. Getting to the extracellular space it can be detected

amperometrically. The amperometric current in certain conditions reflects the NQO

enzyme activity.

Matsumaea et al. [110] worked out an SECM method for detecting the intracel-

lular NQO enzyme activity of a single cell. They employed menadione mediator for

shuttling electrons through the cell membrane and ferricyanide as hydrophilic

second mediator for increasing the electron exchange rate at the platinum surface

of the microtip. In this study HeLa cells cultured on plastic Petri dish were tested

and disc-type Pt electrode with a diameter of 20 μm (RG¼ 2) was used as

SECM tip.

The principle of the double mediator mechanism used for intracellular NQO

enzyme activity detection is shown in Fig. 11.

5.4 Investigation of Effects of Drugs on Metabolic Activity

Following directly the oxygen concentration through amperometry at the vicinity of

cells is the most obvious SECM way for studying or checking the respiration

activity of immobilized living cells. The observed decrease of amperometric

current however is resulted by two effects. The proximity of the surface blocks

the oxygen flux toward the working electrode that produces negative feedback

(Δip2) and the oxygen consumption by the respiration (Δip1). Simple way of

“deconvolution” was tested by Zhu et al. [111]. First they scanned with platinum

tip of 5 μm polarized to�0.50 V and obtained an image resulted by the combination

of the two effects (Δip1 +Δip2). After the cells were sacrificed by exposing them to

1 mM KBr, NaN3, or KCN a topographic image was recorded that showed

separately the negative feedback (Δip2). For these studies human neutrophils

immobilized in collagen matrix were studied on glass substrate of a Petri dish

that served for measurement cell in SECM.

For many centuries the antimicrobial character of silver ions has been recog-

nized and used. Silver dishes were employed for keeping drinks in or silver coins
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were added into water storage containers for avoiding contamination. In our days

silver salts, silver zeolites, silver nanoparticles, or silver containing compounds are

still used as additives in wound treating ointments, in endotracheal tubes, in surgical

masks, in food packing foils, etc., to prevent microbial growth [112]. The SECM

technique has been used in studying the toxicity of silver or silver ions, in exploring

the nature of the interaction of them with living tissue, and the mechanism of

antibacterial action.

Holt and Bard [113] studied the bactericide action of silver ions. In their work

the oxygen concentration was followed in E. coli bacteria containing samples in

presence of glucose. Two different measuring techniques were used. In part of the

studies miniaturized Clark electrode was employed in small volume bacteria

suspensions. While in other ones the oxygen concentration was detected with

platinum microelectrode tip in SCEM system over immobilized bacteria cells.

The changes of the respiration rate could be detected after administrating different

amount of silver ions. Besides oxygen uptake the depletion of Ag+ from the region

above the immobilized cells could be followed using anodic stripping measuring

method. The silver ion uptake of live cells was found significantly higher than that

of the dead ones.

Bard’s group investigated [114] further the toxicity of silver ions by SECM. In

this work they detected the viability of single mouse embryo fibroblast cell that was

grown on the bottom of Petri dish. They used three different mediators: FcMeOH,

tris(bipyridine)cobalt(II) ions [Co(bpy)3]
2+ and oxygen. SECM approach curves

Fig. 11 The principle of

the double mediator

mechanism used for

intracellular NQO enzyme

activity. Figure was taken

from the work of Matsumea

et al. [110]
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and images were recorded over the cell with 10 μm platinum microdisc- and

electrochemically prepared mercury hemispherical tip. The FcMeOH+ generated

at the tip could enter the cell where biochemical redox reactions in living fibroblast

recycled it resulting in a slight positive feedback. This did not show up over dead

cell. The ratio of the current measured at given distance over the cell and over a

surface producing negative feedback could be used for characterization of the

viability. The more hydrophilic [Co(bpy)3]
3+ could not pass the cell membrane

therefore it gave just negative feedback. The life cell consumes oxygen, therefore

the amperometric current of oxygen reduction close to the cell was smaller than one

could expect considering just the effect of diffusion shielding. The so-called

consumptive feedback can be observed. The difference between the feedback and

the consumption feedback currents could be used for expression of the cell viabil-

ity. The decrease of consumptive feedback could be used for indication of the

toxicity of silver ions.

Interesting observation was made studying the influences of silver ions on the

SECM tip current when FcMeOH mediator was used. After exposing the fibroblast

cell to silver ions, the positive feedback decreased indicating the toxicity that is the

loss of cell viability. Complete ceasing however has not showed up. Furthermore

the positive feedback recovered after long time exposure. This could not be

explained by the increase of the viability. It was suggested for explanation that

the silver ions taken up by the cells get reduced and form silver metal particles. As

immobilized conductive metallic objects, they reduce the FcMeOH+ that produces

the positive feedback.

Kaya and coworkers [115] investigated the time courses of the cellular activity

change of cultured HeLa cells affected by exposure of different chemicals like

KCN, ethyl alcohol, and the antibiotic drug, Antimycin. They compared the SECM

method with the conventional fluorescence cellular activity measurements.

Immobilized HeLa S3 line cells, cultured on polystyrene or glass-bottom dishes

were used as sample. The fluorescence method is based on addition of calcein-AM,

a nonfluorescent aceto-methoxy derivate of calcein, to the cell culture. It can enter

into the cells where it is converted by the cytoplasm esterase to calcein dye that

emits fluorescence at 515 nm if excited at 490 nm. The calcein formed inside the

cell is impermeable to the cell membrane, it stays inside. Therefore calcein-AM

stained living cells emit fluorescence light. If the cellular membrane is seriously

damaged, then calcein leaks out from the cell, and the intensity of the green

fluorescence of the cells decreases.

In case of SECM measurement of the cell activity, the reduction current of

oxygen was detected. The tip was a platinum microdisc electrode with diameter of

5 μm. It was positioned 25–30 μm over the cells. The SECM measurements show

immediately the action of respiration activity halting species while the fading of the

fluorescence intensity change reflects the increase of membrane permeability

resulted by exposure to toxic chemical. The less invasive nature of the SECM

makes it a well applicable tool for testing the effect of different species on the

cellular respiration.

Interestingly, it was observed that after exposure to KCN the SECM measured

respiration activity changed rapidly, while the change of fluorescence signal was
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slow. It was in the opposite way when the cells were exposed to 50% ethyl alcohol.

Then the luminescence decreased rapidly while the SECM signal change came

later. These show that the SECM and fluorescence measurements afford different

information about cellular activity at the single cell level.

The anticancer drug sensitivity of two kinds of cancer cells was investigated by

Matsue’s group [116] by detecting oxygen concentration over the collagen-

embedded living cells. In their experiments an array of microholes prepared on a

silicon wafer were used as platform for cell immobilization. Inside the pyramid like

microholes living human erythroleukemia cell line (K562) and its Adriamycin

drug-resistant subline (K562/ADM) cells containing collagen gel were applied.

Scanning negatively polarized platinum microelectrode tip over the gel filled

holes the obtained decrease of the oxygen reducing current indicated the respiration

activity. The sensitivity of the cells to Adriamycin anticancer drug could be

estimated from the SECM images and line scans. The SECM method with its

noninvasive nature has advantage over the conventional colorimetric succinic

dehydrogenase inhibition (SDI) assay [117], since it can be used for continuous

monitoring of the response.

The sensitivity of tumor cells to anticancer drugs can be different. The success of

chemotherapy depends on finding the effective drug species and dosing therapy for

the individual patients. In vivo tests methods for anticancer sensitivity with involve-

ments of experimental rats and mice have been worked out. In vitro assaying the

drug sensitivity of tumor removed from individual patients effectively can be

carried out [118] using collagen gel droplet embedded cell culture samples prepared

from the tumor. Then these samples are treated with different drugs and the

metabolic activity or the proliferation rate is monitored.

Torisawa et al. [119] worked out a method for following in vitro the respiratory

activity of cultivated tumor cells with SECM. In their work mice were inoculated

subcutaneously with human promyelocytic leukemia (HL-60) cells. After 31 days

incubation the cells were taken from the animals and microsamples were prepared

embedding the cells in small volume (18 nL) collagen gel matrix placed inside

pyramid like cavities etched in silicon wafer. The decrease of amperometric

reduction current of oxygen above the cell culture was used for indicating the

respiration activity of the cell. The increase of the current upon addition of

antitumor drugs showed the decrease of the oxygen intake. It indicated the extent

of the anticancer effect of the drug.

SECM could be successfully employed for investigation of oxygen consumption

and motion of beating cardiomyocytes. For these experiments, reported by Hirano

and coworkers [120], primary cardiomyocytes were taken from neonatal rats, and

seeded on collagen coated dishes. The cells were incubated in appropriate culture

medium. Spontaneously beating cells were used for the SECM measurements.

Platinum disc microelectrode with a radius of 5 μm was positioned over the beating

cell in 9 μm distance. The oxidation current of ferrocyanide or reduction one of

oxygen was followed. The current–time plot showed clearly the topography

changes as the relaxation and contraction periods followed each other. The oxygen

consumption also could be estimated. Effect of digoxin concentration or
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temperature change on the beating amplitude and oxygen consumption could be

studied. The success of the experiments predicts that system tested may become a

powerful tool for studying pharmacological and toxicological effects in

cardiomyocytes.

5.5 Imaging of Local Enzyme Activity

In biologic object the enzymes are often confined in certain structures, in mem-

branes, in intracellular spots. The SECM is an excellent tool for detecting distribu-

tion and measuring activity of biocatalytic microsites, as well as changes of activity

upon different treatments.

Wittstock [121] proposed a signal amplification method for imaging local

enzyme activity spots with improved lateral resolution. The example shown

employs microspots made of immobilized galactosidase (Gal) and pyrroloquinoline

quinone (PQQ)-dependent glucose dehydrogenase (GDH) coated beads as sample.

The PAPG and glucose are added to the solution. Gal enzyme catalyzes the

hydrolysis of PAPG resulting PAP. An electrode potential is employed on the tip

that results in electrooxidation of the PAP. At that potential the PAPG is not

electroactive. The product of the electrode reaction of the PAP is p-quinoneimine

(PQI). In presence of glucose the PQI is reduced to PAP in a redox reaction

catalyzed by the GDH. This results in higher local PAP concentration. An amplified

amperometric signal is obtained for marking the local Gal activity. As it is well

known the PQQ-dependent GDH does not need the presence of NAD+/NADH

cofactor. This kind of signal amplification has been successfully used in case of

amperometric enzyme sensors earlier [122].

Diaphorase enzyme and diaphorase/albumine mixtures immobilized on the

surface of a glass plate were imaged by Yamada [123] and coworkers using

platinum disc tips. FcMeOH redox mediator and NADH reagent were used in

these studies. The FcMeOH was oxidized at the platinum tip. The immobilized

diaphorase catalyzed the oxidation of NADH by FcMeOH+ the oxidized form of

FcMeOH. So, if the tip was near to the catalytic surface, then the enzyme catalyzed

reaction increased the local concentration of FcMeOH. That positive feedback

generated increase of the current showed the active enzyme spots on the sample

surface.

The authors connected tuning fork between the electrode and the holder and

shear force based distance positioning and measuring technique was used. The

close vicinity of the surface was detected by observing steep changing of the

resonance amplitude of the vibrating electrode. The authors could image simulta-

neously topology and catalytic activity of the substrate surface. Special tip travel

program, the so-called STA mode scanning pattern, mentioned earlier, was used. It

employs shear force controlled approach and retracting steps at each laterally

positioned measuring spot. STA scanning helps avoiding electrode–substrate crash.
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Tyrosinase is an important enzyme that catalyzes the oxidation of phenolic

compounds by oxygen. It has role in ripening different fruits and its action is

responsible for pigmentation of fruit slices. Tyrosinase is considered [124] as

autoantigen in developing vitiligo, an autoimmune skin disorder. Recently Girault’s
group [125] investigated the applicability of SECM for mapping immobilized

micro-areas of tyrosinase activity and for obtaining information about the catalytic

reaction. The samples for the measurements were prepared on porous and hydro-

phobic polyvinylidene fluoride (PVDF) membrane that has high protein binding

capacity. Platinum microdisc electrode was used as SECM tip. Three different

SECM experiments were implemented. In certain experiments the reduction current

of oxygen was followed over protein treated PVDF surfaces. Tip current higher in

the close vicinity of the surface than in the bulk indicated an open, air filled pore.

Negative feedback current appeared over the pores blocked by adsorbed protein. In

the other experiments L-3,4-dihydroxyphenylalanine (L-DOPA) was added to the

media and its concentration was followed detecting the tip current upon polarizing

the tip to 0.7 V vs. quasireference electrode. The tip was scanned horizontally close

to the surface. It was expected that the current decreases over spots with tyrosinase

activity, since there the enzyme catalyzed reaction decreases the L-DOPA concen-

tration. Interestingly the opposite was observed. The current increase could be

explained assuming that in the enzyme catalyzed reaction an electroactive species,

probably 5,6-dihydroxyindole, is produced in a fast reaction. Therefore in the gap

between the tyrosinase containing spot and the tip the overall concentration of

electroactive matter that reacts on the electrode is higher than it would be without

the enzymatic oxidation. Differential pulse voltammetric measurements proved

this. The third type experiments used sandwich immunoassay style strategy. Pri-

mary tyrosinase antibody and horseradish peroxidase (HRP) labeled secondary

antibody were employed for marking the spots on the PDVF surface containing

adsorbed enzyme. The platinum tip was polarized to �0.15 V. 3,30,5,5-
0-tetramethylbenzidine (TMBred) and hydrogen peroxide were added into the

measuring cell and SECM imaging was carried out over the surface. The HRP

catalyzes the oxidation of TMBred to TMBox. The tip detects the concentration of

the oxidized form. Therefore over the tyrosinase spots, higher reductive current

showed up. The so-called coffee ring effect could be observed, that means the

current was higher at the perimeter than in the center of the spot.

Sample surface containing both micro-contact-printed banana slice and spot

with adsorbed tyrosinase side by side was imaged using the three SECM strategies.

The result showed that SECM can be used for detecting enzyme activity distribu-

tion in micro-contact-printed samples, and for studying the changes created by

different effects.

SECM with scanning electrochemically generated chemiluminescence (SCEL)

was combined [126] for imaging local activity spots of enzyme embedded in

polymer matrix. For these studies glucose oxidase (GOD) enzyme containing thin

polymer spots was formed on hydrophobic glass slide surface. The experiments

were carried out with an SECM that was built upon an inverted optical microscope.

A photoelectron multiplier was installed for detecting the emitted light under the
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cell holder of the microscope. The slide and buffer solution containing appropriate

concentrations of glucose and luminol was introduced into the measuring cell. The

detection was based on the well-known ECL principle [127]. The polarized SECM

tip oxidized luminol producing anionic radical. This reacts with the hydrogen

peroxide generated in enzyme catalyzed glucose oxidation. Excited state

3-aminophthalate is produced that emits light. As the tip moving in the XY plane

approaches the bioactive surface spot the tip generated luminol radical meets higher

concentration of H2O2 at that location. The higher reaction rate results in more

intensive luminescence signal. Sinusoidal AC voltage was superimposed on the

constant initial DC potential of the tip. The signal output of the PMT was connected

to the signal input of a lock-in amplifier. In this way recovering signals by selective

amplification at the modulation frequency allowed achieving higher signal/noise

ratio. Naturally, SECM image of the bioactive spot could also be made with direct

amperometric detection of H2O2.

100 μm thick surface confined enzyme microstructure lines were prepared [128]

on gold coated glass slides using a microdispenser and cross linking with glutaral-

dehyde vapor. Line scans across GOD and of GOD –glutamate oxidase mixture

containing lines were performed in presence of different concentrations of the

substrates. The H2O2 was detected with an amperometric tip. The peak current

over the stripes showed linear substrate concentration dependence.

Usually living organisms are trying to protect themselves against colonization

by unwanted microorganisms. One way of this is the generation of oxidative stress

conditions around them. Often hydrogen peroxide is produced in a biochemical

process. Certain bacterial colonies however live in symbiosis with the host. Inter-

esting question how can the bacteria resist the immune defense action of the host.

Obvious answer can be the expression of catalase enzyme by the bacteria. Catalase

– as it is well known – accelerates dramatically the decomposition of H2O2. Zoski’s
group [129] investigated the catalase activity in biofilms by SECM measuring the

hydrogen peroxide decomposition rate over the biofilms. They picked bacterium

Vibrio fischeri (V. fischeri), a bioluminescent strain for studying the bacterial

defense mechanism against oxidative deterrence. These bacteria can live as a

symbiotic strain in special light organ of bobtail squid mantle. The authors devel-

oped a method for assessing the H2O2 concentration over the colony. The SECM

method allowed estimation of the catalase activity over the bacteria colony. Using

it, they could get information about catalase activity at given location in a given

time instant of bacterial film growth. It could be verified based on the results that

catalase activity of the biofilm is an important factor for combatting oxidation stress

imposed by the squid during colonization. Similar catalase activity was found in

case of symbiotic and free growing bacteria. That indicates that high catalase

activity may be equally important in maintaining the integrity of these biofilms.

Combined application of tapping mode AFM and SECM can have some advan-

tages. The AFM can give a topographic image of very high lateral resolution.

SECM cannot achieve resolution in that level, however, it provides chemical

information about the sampled area. Double function tips for this combined appli-

cation were prepared from original silicon nitride AFM cantilever using high tech
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micromachining [130]. Actually chromium, gold, and finally silicon nitride layers

were formed on the tip surface and focused ion beam (FIB) cutting technique was

used for making the final form of the double function cantilever that had a very

pointy tip for AFM and a thin ring of gold for SECM. The feasibility of the

combined imaging technique for biochemical investigation was demonstrated

[131] by imaging polymer entrapped spots of GOD.

5.6 Transport Through Bio-Layers

Dentine is a calcareous material sandwiched between the pulp and enamel of the

teeth. One cm2 of it contains 106–107 tubules with diameter of 1–2 μm. The

movement of the dentinal fluid through dentine tubules is important factor in dental

hygiene. Dentine hypersensitivity, for example, is caused by fluid movement within

dentinal tubules thereby triggering sensitive nerves and eliciting a pain response.

Unwin’s group investigated [132, 133] the applicability of SECM for measuring

transport of electroactive species through dentine slices. They used about 50 μm
thick slices taken from human premolars as sample, and potassium ferrocyanide as

transporting species. Moderate pressure could be applied for sustaining the flow.

Transport through the dental tubules could be detected with the SECM technique

applied, as well as topography of the slice. Mixture of calcium chloride and

potassium oxalate was used as tubule blocking reagent. The thickness of the

transport blocking calcium oxalate layer could be estimated using the results of

the SECM measurements.

Recently preliminary level investigations [134] have been carried out for testing

the applicability of SECM for tooth enamel corrosion studies. Smooth samples

prepared from bovine tooth have been soaked in acidic solution and the consump-

tion of hydrogen ions was detected at the sample surface amperometrically. Neg-

atively polarized platinum disc electrode of 25 μm diameter was used in this work.

The current decrease started much earlier in approaching to the surface than it could

be expected in case of clear feedback effect. This indicated that the enamel

dissolution rate in acidic corrosion could be detected, and SECM images taken

reflected the extent of local corrosion. May be choosing potentiometric pH sensing

tip with smaller size could have been more practical for these investigations.

Articular cartilage is a white layer covering the adjacent surfaces of joints of

human and animal bodies. Its role is to protect the bones by keeping the surfaces of

the bones apart from each other. Intercellular communication and the transport of

nutrients and waste products must be effected by diffusion through this matrix.

Knowledge of the transport of solutes through the cartilage matrix is therefore

crucial in understanding the physiological functioning of the tissue, both in the

healthy and diseased states. Therefore permeability of this layer for different

species is in the focus of interest in physiology.

Unwin’s group examined the permeability character of bovine articular cartilage

with SECM technique. When the permeability for cationic methyl viologen (MV2+)
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was studied [135], then negatively charged mediator (Ru(CN)6
4�) that does not

permeate into the negative cartilage matrix was used for taking the needed topology

image. Constant height imaging with 5 μm platinum disc electrode was carried out.

Sample was histologically stained to reveal the biochemical composition. The high

MV2+ permeability is not coinciding with the collagen rich areas. Diffusion limited

current map for oxygen reduction was also prepared [136]. Using earlier developed

modeling method for taking into account the varying tip-substrate distances map of

oxygen permeability in the cartilage was prepared. The map showed enhanced

oxygen diffusion in areas that are low in collagen content.

The hydrophobic cell membranes are not permeable for hydrophilic species like

Ru(NH3)6
2+, Ru(NH3)6

3+, Fe(CN)6
4�, and Fe(CN)6

3�. Surface active agents how-
ever can affect permeability. Koley and Bard [137] investigated with SECM the

changes of cell membrane permeability by presence of Triton X-100 (TX100), a

nonionic surfactant. They used individual HeLa cells (commonly used human cell

lines) and HeLa cell cultures. Line scans at constant height and approach curves

over the live cells were prepared using platinum electrode of 10 μm diameter, and

potassium ferrocyanide mediator. The viability and morphology change at high

surfactant concentration was also checked.

After soaking the cells in TX100 containing solution the permeability of their

membrane changed. Quantitative data on the permeability of the cell membrane in

the presence of TX100 could be estimated combining the SECM data and simulated

functions. The permeability, P, was defined as P¼KD/L where D is the diffusion

coefficient of the liquid, L is the thickness of the membrane, and K is the partition

constant between the molecule and the membrane. When the concentration of

TX100 was at or near 0.17 mM, the cells were able to recover upon removal of

surfactant solution. The permeability was estimated to be 6.5	 2.0� 10�6 m2∕s.
The number of ferrocyanide molecules passed through single cell membrane after

32 min was calculated to be 1.06	 0.54� 106 in this case.

5.7 SECM Inside Living Cells

SECM inside living cells is a very challenging task. For this, electrode with

submicron size tip diameter, special low current potentiostat, and appropriate

shielding are needed. The obtained SECM signal is highly valuable from point of

view of cell physiology if the measurement causes only minor invasion. It was

shown [138] by trypan blue exclusion tests that MCF-10A breast cells can survive

intracellular voltammetric experiments. The test is based on the dye out pumping

property of the live cells [139]. That means if trypan blue dye is added (5 μM
solution) to the immobilized cells, then after a few hours the dead cells appear blue

but live cells appear uncolored.

Nanoprobes for intracellular voltammetry can be made with the commercially

available sophisticated laser pullers. However, there are difficulties needed to be

overcome. Like intracellular redox moieties are apparently localized and cannot
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diffuse freely within the cell. Therefore addition of a redox mediator, with concen-

tration as high as 1 mM, is recommended for obtaining appropriately high current

signal. It is probably too high considering the invasion affected. To be able to probe

enzymatic redox reactions, the mediator concentration must be in the micromolar

range. That would produce current responses in femtoampere scale. The precise

positioning of a nanoprobe inside the cell close to targeted organelles is also far

from being solved.

Two interesting methods using intracellular voltammetry were worked out and

tested by Mirkin’s group [102]. One of them is the determination of the cell

membrane potential. It is quite obvious that the difference between the half wave

potentials (ΔE1/2) of the voltammograms of the same mediator measured extracel-

lularly (ΔE1/2 extr) and intracellularly (ΔE1/2intr) gives the cell membrane potential

ΔE1/2cell¼ (ΔE1/2extr�ΔE1/2intr). For this it has to be assumed that the ohmic

potential drop is negligible and that no biofilm is building up on the penetrated

electrode surface before measurement.

The other intracellular voltammetric method worked out is applicable for mea-

surement of transport rates across cell membranes. For this the cell is attached on

gold substrate. The working electrode is positioned inside the cell over the section

of the membrane which adheres to the gold surface. The regeneration of the

mediator at the gold surface is faster and less complicated. Therefore the positive

feedback current is less affected by a slow intracellular redox reaction that can be

the case if the transport rate is tested by extracellular voltammetry.

5.8 Detection of Oligonucleotides or Hybridization

The adsorbed layer on conductive surfaces seriously can influence the positive

feedback current. Coulombic interaction between the adsorbed layer and dissolved

mediator can modulate the diffusion property of the latter. Schuhmann’s group

investigated the change of the feedback current over DNA-modified surface spots

on gold surfaces [140]. For sample preparation spots of 20-base synthetic

oligodeoxyribonucleotides with 150-μm diameter were immobilized on gold coated

microscope slide. Platinum microdisc tip with 10-μm diameter was used in constant

height SECM line scans. Scanning over the spots, a significant decrease of the

feedback current was obtained in case of a negatively charged ferricyanide medi-

ator, while with the positively charged [Ru(NH3)6]3+ no noticeable change of the

current could be observed. The decline of the feedback current could be explained

by the electrostatic repulsion between the negative mediator ions and the phosphate

groups in the backbone of the immobilized DNA strands. It slowed down the

diffusion. Accordingly the recycling of tip generated [Fe(CN)6]
4� to [Fe(CN)6]

3�

was slowed down. Hybridization of two oligodeoxyribonucleotides with increasing

the density of the repulsive phosphate groups resulted in further decrease of

feedback current. The hybridization could be detected without application of any

labeling. This showed a perspective application field of feedback mode SECM.
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Fortin and coworkers [141] reported about the successful dual application of

SECM technique in oligonucleotide hybridization studies. They used SECM as tool

preparing microspot array containing 15mer oligonucleotide (ODN) strand on gold

surface. The spots of the array were obtained by electropolymerization of pyrrol in

ODN containing solution. Negative feedback obtained with appropriate mediator

indicated the formation of the polymer spots. The complementary strain was

labeled with HRP. In order to indicate the hybridization 4-chloro-1-naphthol and

hydrogen peroxide were added to the media. The HRP label of the complementary

strain catalyzed the oxidation of the 4-chloro-1-naphthol to insoluble 4-chloro-1-

naphthon. The precipitate formed on the hybridized spots resulted in enhanced

negative feedback effect. SECM line scans over the spots could be used for

detecting the hybridization.

5.9 Imaging Enzyme Labeled Biocomplexes

Glycans attached to the cell membranes have important roles in different physio-

logical happenings, like cell–cell communication, immune recognition or response,

cancer metastasis, tumor progression, etc. Importance of methods capable in situ

detection cell-glycan expression on living cell hardly can be questioned. The

applicability of SECM in these experiments was tested by Xue and coworkers

[142]. They used BGC-823 human gastric carcinoma cells as sample and 2 μm Pt

disc tip in their experiments. The cells were confined in microwells. As it is well

known, lectins have highly specific binding affinity to carbohydrates. Horseradish

peroxidase (HRP) enzymes labeled lectins obtained from different sources were

used for recognizing the cell attached carbohydrates. After incubation with HRP

tagged lectin, and rinsing off the unbound reagent FcMeOH redox mediator and

hydrogen peroxide was added to the media and the SECM imaging was carried out.

The HRP attached to the cell-glycans through the lectin catalyzes the oxidation of

the FcMeOH by the H2O2. An electrode potential needed for reduction of oxidized

FcMeOH was applied on the tip. Depending on the tip–catalytic site distance and on

the local catalytic activity, a current could be recorded, and used for imaging.

Expression of different cell-glycan species tagged with different HRP labeled

lectins could be imaged with individual cell level. The principle of the method is

shown in Fig. 12.

Epidermal growth factor receptor (EGFR) is a membrane protein that exists on

the cell surface. Mutations that lead to EGFR overexpression have been associated

with different form of cancers. Information about EGFR expression level has

important diagnostic value. The applicability of SECM for estimation of EGFR

density on living cell surface has been tested [143]. In the experiments Chinese

hamster ovary (CHO) cells and cells from human epidermoid carcinoma cell line

A431 were applied as samples. The EGFR were linked to mouse anti-EGFR IgG

primary antibodies and these were sandwiched to enzyme labeled antibodies.
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Alkaline phosphatase (ALP), diaphorase, and β-Gal enzyme labels were used. Both

feedback mode and SG/TC mode were tested.

Best results were obtained with ALP labeled version. In that case PAPP

containing buffer was added into the measuring cell. The ALP enzyme label on

the EGFR of the membranes of the immobilized cells catalyzed the hydrolysis of

the PAPP. The local concentration of the liberated PAP was detected with the

scanning tip as it is shown in Fig. 13.

The worked out method could be used for single cell level imaging of the EGFR.

This means that the SECM technique affords information on the expression state of

cell membrane proteins at the single cell level. Figure 14 shows images recorded

over single CHO cells with overexpressed EGFR (left image) and over a normal

cell (right image). These experiments are an example showing the high potency of

SECM in clinical diagnosis.

Another kind of sandwich type protein detection method was developed [144]

using SECM in SG/TC mode. Thrombin as target protein and GOD as labeling

enzyme were used for showing the feasibility of the method. Instead of two

antibodies however, two specific aptamers that recognize different positions of

thrombin were employed. One aptamer was linked onto the gold tip, the other

was labeled with the enzyme. After formation of the thrombin–aptamer complex

the H2O2 generated in enzyme catalyzed reaction in presence of glucose was

detected as amperometric current.

5.10 Parallel Optical and Electrochemical Imaging

Matsue’s team [145] used an optical fiber nanoelectrode probe with shear force

distance controlling. The ring shapedmicroelectrode applied in thisworkwas prepared

with FIB technique. A tuning fork was interconnected between the cell and the probe

Fig. 12 Scheme of SECM imaging for cell-surface glycan expression using SG/TC mode. (PDMS
poly(dimethylsiloxane) membrane). Taken from [142]
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holder. The distance between the living cell sample and the tip was controlled by

detecting shear force. Simultaneously electrochemical and optical imaging could be

performed over living HeLa cells obtained from a human cervix epithelial cell line.

A variety of STA mode was used in imaging. The piezoelectric tuning fork

buzzler vibrated the probe at resonance frequency. The vibration signal from the

tuning fork was followed by a lock-in amplifier. At every measuring spot in the XY

plane a vertical approaching step was performed. Shear force induced change of the

signal indicated the distance between the tip and sample. From that point the tip was

Fig. 13 The working principle of the SECM method used for single cell EGFR imaging. (PAPP
p-aminophenylphosphate, PAP p-aminophenol) Figure was taken from [143]

Fig. 14 Epidermal growth factor receptor (EGFR) image on single Chinese ovary (CHO) cell.

Alkaline phosphatase was used as label in sandwich immune stile. PAP was detected in substrate

generating tip collecting mode. Cell with EGRF (left), normal cell (right) [143]
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lifted up by a predetermined distance. At those elevated known distance points

electrochemical and optical signals were simultaneously recorded. The quite slow

STA mode imaging could be speeded up by a field-programmable gate arrays

(FPGA) unit connected to the electronics that drastically increased the feedback

speed and enhanced the accuracy and quality of the living cell images.

The sample HeLa cells were transfected with two expression vectors, namely

with a green fluorescent protein GFP vector and SEAP control vector.

p-aminophenylphosphate monosodium salt (PAPP) was added to the media. It

was hydrolyzed by catalytic effect of the extracellular (SEAP). Electrochemical

signal was obtained by oxidation of the PAP produced in the hydrolysis. A laser

light beam (473 nm) was introduced through the optical fiber probe to excite GFP

expressed inside the cell. Light emitted from the sample was collected by a

photomultiplier tube (PMT) to obtain a fluorescent image. The authors could

make simultaneous topography, fluorescent, and electrochemical images of

transfected single HeLa cells in constant distance and constant height modes.

5.11 Investigation of the Interaction of Different Bactrial
Strains by SECM

The SCEM technique was proved applicable for investigating the interaction of

different bacteria strains in mixed culture biofilms. In a recent study of Bard’s group
[146] the distribution of bacterial produced hydrogen peroxide concentration was

determined using SECM line scans over specially grown biofilms. In these exper-

iments gold disc electrode with 25 μm diameter was used as measuring tip.

Streptococcus gordonii (Sp) and Aggregatibacter actinomycetemcomitans
(Aa) strains grown in mixed biofilm were investigated. The streptococcus bacteria

exist in human oral biofilms. They ferment glucose producing lactic acid and

hydrogen peroxide. Their presence is beneficial from point of view of oral hygiene

because they compete for nutrients with pathogen species limiting their escalation.

Also the produced hydrogen peroxide inhibits the growth of other species.

A. actinomycetemcomitans is a pathogen species. It is also found in oral cavity in

case of severe infections. In co-culture with Sp, Aa can utilize lactic acid as

nutrient. Its KatA enzyme can catalyze decomposition of hydrogen peroxide.

For the experiments biofilm from separately grown Sp and Aa strains was made

on polycarbonate membrane. First the Sp biofilm was spread on the membrane and

after a spot of the Aa culture was added. In this way a 25 μm diameter bacterial

biofilm of Sg with a spot of 5–7 μm Aa in the middle was obtained as substrate for

SECM studies. Two different strains of Aa were used – the Y4 and the Y4-katA –

containing an insertion mutant of the catalase-encoding gene katA. It is Aa with

higher tolerance to hydrogen peroxide toxicity.

The hydrogen peroxide concentration at different distances from different

areas of the mixed colony could be measured with the SECM technique.
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One-dimensional lateral scans showed the extent of catalytic decomposition of

hydrogen peroxide over close vicinity of Aa with higher and lower catalase activity.

The hydrogen peroxide flux at the biofilm surface could be estimated by employing

digital stimulation and using the values of local hydrogen peroxide concentration

measured at known distances. It was 1.0� 10�11 mol cm�2 s�1. Furthermore the

authors could calculate the bacterial density 8.3� 107/cm2 and could guess

1.2� 10�19 mol hydrogen peroxide outflux from a single bacterium at the film

surface per second assuming that the average lateral dimension of the bacteria is

1.5 μm� 0.8 μm.

5.12 Investigating of NO Outflux with Locally Prepared
Chemically Modified Tip

Nitric oxide (NO) is a gaseous messenger molecule that over its role in promoting

smooth muscle relaxation is involved in many other physiological and pathological

processes. Its detection and analysis are important tasks in physiological research.

NO is not stable in physiologic conditions. Voltammetric methods and microelec-

trodes have been worked out for measuring NO selectively in biochemical, or

physiological experiments (e.g., [147, 148]). However, when quantification of

NO release from cell cultures, or tissue samples is attempted using a voltammetric

microsensor, then it must be taken into account that the signal depends on the

distance between the sensor and the source. A method using accurate electrode

positioning with SECM and consequent chemical electrode modification needed for

selective NO measurement has been worked out by Pailleret et al. [149]. As bio-

logic NO releasing sample HUVEC cultured on the glass cover slip in RPM-1641

were used in the experiments.

The proposed method employs feedback curve based vertical distance position-

ing, that can be done with bare electrode. After an in situ chemical electrode

modification follows before NO measurement. As first step a cover slip was

introduced onto the microscope slide serving as measurement platform. A droplet

of buffer solution was added over the slip surface. The electrodes were moved

inside the droplet. Proper tip–sample vertical (Z ) distance was set observing the

amperometric reduction current of oxygen upon electrode approaching to the glass

surface. The tip was a quite big (50 μm) bare platinum disc electrode.

After finding the distance the electrode was chemically modified in situ. First it

was moved into nickel tetrasulfonated phthalocyanine tetrasodium salt

(Na4[NiTSPc]) containing solution droplet. Here electrodeposition of mediator

layer was done. Other solution drops were visited by the chemically modified tip

for rinsing and for checking its function. Finally the electrode was moved into the

buffer droplet over the cell culture. The release of NO from the cell population was

followed amperometrically. Bradykinin addition resulted in well detectable NO

release.
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Imaging the concentration of ROS over live macrophage cells (RAW264.7) was

attempted by Zhao et al. [150]. They used constant distance scanning. The constant

distance between the cell and the tip was provided by keeping a 20 kHz AC current

constant. There was no external mediator added to the media.

5.13 Special Applications

5.13.1 Application of Amperometric Micropipette Electrodes

Ion selective micropipettes are usually employed in potentiometric measurements.

Interestingly a micropipette type voltammetric silver ion concentration measuring

tip was used in SECM studies investigating the Ag+ ion uptake of living fibroblast

cells [151]. The tip was prepared by introducing small volume of

1,2-dichloroethane solvent containing calixarene based silver ion ionophore and

bis(triphenylphosphoranylidene) ammonium tetrakis(4-chlorophenyl)borate

(BTPPATPBCl) as measuring cocktail and silver wire as internal electrode into

appropriate prepared micropipette. Silver sulfate was added to the media and the tip

was scanned over monolayer of fibroblast cells. When appropriate potential was

employed between the internal electrode and the reference one, then the silver ions

crossed through the interface between the two immiscible electrolyte solutions

(ITIES) producing electric current signal. Imaging, one-dimensional scans, and

approach curves were performed to investigate the interaction of the living cells

with the silver ions in different times of soaking.

5.13.2 Application of SICM

Korchev and coworkers [152] demonstrated that the SICM can be well used for

estimation of volume of living cells grown on microscope coverslips. In their work

they used physiological media filled micropipette with opening diameter of about

50 nm. The resistance of the pipettes was about 500 MΩ.
Cells from single A6 cell line derived from Xenopus laevis renal tubular cells

were grown on glass coverslip or on membrane filters. Using the constant current

feedback mode of the SICM raster scanning was performed over the cells. Three-

dimensional map was made from n raster points on the XY plane. The total cell

volume (Vcell) was approached with the summed volumes of n rectangular raster

prisms. The height of the cells at each raster prisms was determined by subtracting

from the vertical tip positions (ZXY) the reference Z coordinate value (Zref). Zref was
measured above a naked slip area, see Fig. 15.

Vcell ¼
Xn
1

ZXY � Zrefð Þ dx dy
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Researchers of the same school studied the applicability of SECM for long time

study of changes of living cells. According to the report of Korchev and coworkers

[153] monolayer renal epithelia A6 living cells could be observed in physiological

condition for long time. Images were acquired without any physical damage. Three-

dimensional dynamic information about changes of surface anatomy could be

obtained.

High resolution hopping probe ion conductance microscopy [154] was used for

studying the phenotypic variants of living heterogeneous neuroblastomas. The

existence of three different types of cells could be demonstrated. The volumes of

the different cell types could be compared. The high resolution of the method

makes it applicable for investigating the morphology and morphology changes of

living different cell types in NB tumor.

5.13.3 Gas Phase Scanning Over Microbial Samples

CO2 Investigation of Microorganism Produced by SECM

Up till now most of the SECM experiments have been carried out in liquid or gel

phases. Biofilms, life tissues, microorganisms however often are confined on solid

surfaces or forming thin floating films on air/water interfaces. For SECM investi-

gation of the behavior of these samples without causing major invasion the

Micropipette
Probe ZMAX

Z(X,Y)

ZRFF

ZO

Z

X

Y
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dx
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Fig. 15 Way of assessing

the volume of a cell using

constant current SICM

method. The illustration of

the measuring process (b).

Approaching the cell

volume with the sum of

13� 13 rectangular prisms

volumes of ZXY� Zref.
height. Figure is taken from

[152]
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measuring probe cannot scan in liquid phase. In 2003 Carano et al. [155] tried to

scan in air phase over a small hole with a microsize Clark oxygen probe for imaging

the oxygen outflow through the hole. Most recently Kiss et al. [156] prepared a

Severinghaus type carbon dioxide measuring microcell. For obtaining fast

response, the gas permeable membrane of the Severinghaus sensor was substituted

with an air gap. Using the tip in SECM apparatus line scans in the gas phase over

small Saccharomyces cerevisiae cultures were successfully made. Line scans at

different distances were made. The carbon dioxide concentration profiles were

obtained upon using calibration curve. The extent of the outflow of carbon dioxide

that indicates the vitality of the culture could be estimated without disturbing it

using the measured data and diffusion coefficient. Figure 16 shows the CO2

concentration–distance plots obtained by doing constant height line scans at differ-

ent Z distances from the yeast culture.

5.13.4 Investigation of Quorum Sensing

Certain decisions of living objects are influenced by the population density of the

colony they are member of. This means that changing some kind of behavior or

physiologic condition depends on the number of individuals in the associations. The

members can produce some kind of small effect and they have also receptors

sensing the strength of this stimulus. They act uniformly upon the level of summed

up stimulus that reaches a level higher than a trace. This mechanism is called

quorum sensing (QS). Extensive literature deals with results achieved in investiga-

tion of this phenomenon. Examples of QS affecting the behavior of social colonies

of high level decentralized animals like bees, ants, etc., are also discussed. Most of

the experimental work studying QS however deal with communication among cells
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Fig. 16 One-dimensional carbon dioxide concentration–distance images obtained by scanning

over the center of the circular yeast colony at different vertical (Z directional) distances
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in animal or human tissues and microorganisms inside their colony. Quorum

sensing is used by colonies of bacteria [157] to regulate biochemical processes or

synchronize population behavior. It is performed by a cell-density manner that

means certain number of cells used is needed to initiate the action. In the bacterial

mechanism of quorum sensing a relatively small autoinducer molecule is

synthetized and if its amount is high enough then it is recognized by special

receptors [158]. Quorum sensing has important roles in regulating cellular functions

like biofilm formation [159], resistance against antibiotics, bioluminescence, gene

expression, etc.

SECM method has already been applied for investigation of the quorum sensing

mediated behavior synchronization in microorganism colonies. In that work [160]

3D printing technology was used for fabricating microtraps in which Pseudomonas
aeruginosa bacteria aggregates were grown. The internal volume of these

microtraps was 8pL. Their size was 20x20x20 μm surrounded by 8 μm thick

walls and 3 μm thick roofs. The number of cells confined in the microtrap could

be determined observing confocal microscopic image taken after appropriate

staining. The P. aeruginosa bacteria secreted electroactive pyocyanin acting as

QS inducer molecule was detected by the SECM tip over the roof of the microtraps.

Interestingly it could be proved that colony of 500 cells confined in the same

microtrap was numerous enough to produce detectable amount of pyocyanin.

That means that an aggregate of a few hundred cells can show QS-dependent,

synchronized behavior.

The 3D printing was used for position P. aeruginosa aggregates close to each

other, in microtraps. The QS stimulation of neighboring aggregates confined in

microtraps could be detected by positioning the SECM tip over the neighboring

trap. It was observed that the number of bacteria higher than 2000 was needed to

stimulate the neighboring colony confined in a microtrap being 8 μm away.

Acknowledgments The authors are grateful to the Hungarian National Research development

and Innovation (NKFI), under grant OTKA: K 112699 CO2 content selection of biogases and

industrial waste gases” project.

References

1. Liu HY, Fan FRF, Lin CW, Bard AJ (1986) Scanning electrochemical and tunneling

ultramicroelectrode microscope for high-resolution examination of electrode surfaces in

solution. J Am Chem Soc 108:3838–3839

2. Engstrom RC, Weber M, Wunder DJ, Burgess R, Winquist S (1986) Measurements within

the diffusion layer using a microelectrode probe. Anal Chem 58:844–848

3. Bard AJ, Fan FRF, Kwak J, Lev O (1989) Scanning electrochemical microscopy, Introduc-

tion and principles. Anal Chem 61:132–138

4. Kwak J, Bard AJ (1989) Scanning electrochemical microscopy. Theory of the feedback

mode. Anal Chem 61:1221–1227

5. Gonon F, Buda M, Cespuglio R, Jouvet M, Pujol JF (1981) Voltammetry in the striatum of

chronic freely moving rats: detection of catechols and ascorbic acid. Brain Res 223(1):69–80

Application of Scanning Electrochemical Microscopy in Bioanalytical Chemistry 331



6. Walker JL, Ladle RO (1973) Frog heart intracellular potassium activities measured with

potassium microelectrodes. Am J Physiol 225:263–267

7. Thomas RC (1978) Ion-sensitive intracellular microelectrodes. Academic, New York

8. Wang J, Wu L-H, Li R (1989) Scanning electrochemical microscopy monitoring of biological

processes. J Electroanal Chem 272:285–292

9. Barker AL, Gonsalves M, Macpherson JV, Slevin CJ, Unwin PR (1999) SECM, beyond the

solid/liquid interface. Anal Chim Acta 385:223–240

10. Edvards MA, Martin S, Witworth AL, Macpherson JV, Unwin PR (2006) SECM: principles

and applications to biophysical systems. Physiol Meas 27:R63–R108

11. Beaulieu I, Kuss S, Mauzeroll J, Geissler M (2011) Biological scanning electrochemical

microscopy and its application to live cell studies, Progress in instrumental design continues

to pave the way for high-resolution, real-time electrochemical measurements with living

cells. Anal Chem 83:1485–1492
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52. Tóth K, Nagy G, Wei C, Bard AJ (1995) Novel application of potentiometric microelec-

trodes: scanning potentiometric microscopy. Electroanalysis 7:801–809

53. Klusmann E, Schultze JW (1997) pH microscopy – theoretical and experimental investiga-

tions. Electrochim Acta 42:3123–3134

54. Gyetvai G, Sundblom S, Nagy L, Ivaska A, Nagy G (2007) Solid contact micropipette ion

selective electrode for potentiometric SECM. Electroanalysis 18:1116–1122

Application of Scanning Electrochemical Microscopy in Bioanalytical Chemistry 333



55. Gyetvai G, Nagy L, Ivaska A, Hernadi I, Nagy G (2009) Solid contact micropipette ion

selective electrode II, potassium electrode for SECM and in vivo applications. Electroanal-

ysis 21:1970–1976

56. Varga A, Nagy L, Izquierdo J, Bitter I, Souto RM, Nagy G (2011) Development of solid

contact micropipette Zn ion selective electrode for corrosion studies. Anal Lett 44:2876–2886
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