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Foreword

Nature has provided us with tissue interfaces with remarkable complexity and
functional excellence. It is therefore clear that restoring damaged or diseased
musculoskeletal tissues to healthy states represents an immense challenge. There is
also a growing clinical need for such repairs for patients around the world, and this
need drives continued research and development efforts to elucidate, understand
and exploit the underlying mechanisms involved in these complex tissue interfaces.
These efforts will lead to the next generation of repairs and medical devices to help
patients with failing tissues and organs. This textbook provides an important view
and teaching tool into the state of this process, from both research and
development/regulatory perspectives. The work includes the rationale, the progress
and the challenges ahead, along with the opportunities available to guide students
and professionals into the field of musculoskeletal tissue regeneration. This text-
book is timely in serving as a useful guide to those getting started in the field,
covering key aspects of biomaterials and composite systems, mechanics, case
studies, biocompatibility, clinical trials and the need for integrated approaches in
terms of theory and experiments in materials science and biology focused on a
clinical context.

David L. Kaplan
Department of Biomedical Engineering

Tufts University
Medford, MA USA
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Series Editors’ Preface

The Indian Institute of Metals Series is an institutional partnership series focusing
on metallurgy and materials sciences.

About the Indian Institute of Metals

The Indian Institute of Metals (IIM) is a premier professional body (since 1947)
representing an eminent and dynamic group of metallurgists and materials scientists
from R&D institutions, academia and industry mostly from India. It is a registered
professional institute with the primary objective of promoting and advancing the
study and practice of the science and technology of metals, alloys and novel
materials. The institute is actively engaged in promoting academia–research and
institute–industry interactions.

Genesis and History of the Series

The study of metallurgy and materials science is vital for developing advanced
materials for diverse applications. In the last decade, the progress in this field has
been rapid and extensive, giving us a new array of materials, with a wide range of
applications and a variety of possibilities for processing and characterizing the
materials. In order to make this growing volume of knowledge available, an ini-
tiative to publish a series of books in metallurgy and materials science was taken
during the Diamond Jubilee year of the Indian Institute of Metals (IIM) in the year
2006. IIM entered into a partnership with Universities Press, Hyderabad, and as part
of the IIM book series, 11 books were published, and a number of these have been
co-published by CRC Press, USA. The books were authored by eminent profes-
sionals in academia, industry and R&D with outstanding background in their
respective domains, thus generating unique resources of validated expertise of
interest in metallurgy. The international character of the authors’ and editors has
enabled the books to command national and global readership. This book series
includes different categories of publications: textbooks to satisfy the requirements

ix



of undergraduates and beginners in the field, monographs on select topics by
experts in the field and proceedings of select international conferences organized by
IIM after mandatory peer review. An eminent panel of international and national
experts constitute the advisory body in overseeing the selection of topics, important
areas to be covered, in the books and the selection of contributing authors.

Current Series Information

To increase the readership and to ensure wide dissemination among global readers,
this new chapter of the series has been initiated with Springer. The goal is to
continue publishing high-value content on metallurgy and materials science,
focusing on current trends and applications. Readers interested in writing for the
series may contact the undersigned series editor or the Springer publishing editor,
Swati Meherishi.

About This Book

This book has two volumes, one on “Biomaterials for Musculoskeletal regenera-
tion: Concepts” by Prof. B. Basu and another on “Biomaterials for Musculoskeletal
Regeneration: Applications” by Prof. B. Basu and Prof. S. Ghosh. The volume on
“Biomaterials for Musculoskeletal regeneration: Concepts” has comprehensive
coverage on biological and material concepts in bone tissue engineering. It com-
prises of 12 chapters covering the basics of biological sciences relevant to bio-
compatibility; an overview of biomaterials and concepts of bone tissue engineering;
desired mechanical properties of biomaterials and osteogenic tissues; aspects
of ceramic processing; scope of additive manufacturing; concepts of fracture
toughness; toughening mechanisms, friction and wear behaviour; fundamental
aspects of experimental techniques to evaluate degradation, toxicity, and in vivo
biocompatibility of biomaterials; properties of 3D porous scaffolds and simulator
studies; new design concepts for developing multifunctional biomaterial; and newer
approaches for enhancement of biocompatibility properties. The next volume on
“Biomaterials for Musculoskeletal Regeneration: Applications” jointly authored by
Prof. B. Basu and Prof. S. Ghosh provides important features demonstrating the
opportunity of biomaterial development using various conventional and advanced
fabrication techniques, prototype development and clinical trials This book com-
prises of 12 chapters with 10 chapters exclusively presenting case studies of
illustrative examples of biomaterials development. Toughness enhancement of
hydroxyapatite-based bioceramic implants without compromising on cytocompat-
ibility; new design concepts and newer approaches for the development of multi-
functional biomaterials and with multiscale porosity; osteointegration and implant
stability of strontium-containing glass ceramics; injection moulding route; and 3D
print cartilage-based prototype development are all described in detail. As a whole,
this textbook with both volumes is providing a new horizon for the readers to
develop the basic and advanced understanding of the bone tissue engineering, and
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applications, without any inhibitions of a non-biology background. The author and
the editors are of conviction that this book will motivate students and researchers to
develop new bioengineering strategies that trigger novel biomaterial development.
We wish all readers enrichment in knowledge and motivation. Also, we await the
feedback for improving the book when it goes to the second edition.

Baldev Raj
Editor-in-chief, and

Director
National Institute of Advanced Studies, Bangalore

U. Kamachi Mudali
Co-editor-in-Chief

Outstanding Scientist and Associate Director
Indira Gandhi Centre for Atomic Research, Kalpakkam
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Preface

The impact of the field of biomaterials for musculoskeletal regeneration has been
truly reflected in high impact publications in leading science journals and research
funding for large interdisciplinary research programs around the world. A common
thread of motivation for such intense research activities globally has been the
immense potential of the biomaterials in treating various musculoskeletal diseases.
For example, the bone/joint degenerative and inflammatory problems affect millions
of people worldwide. Because of the growing geriatric population, these problems
account for half of all chronic diseases in people over 50 years of age. Osteoporosis
is another prevalent bone disorder, being one of the most common health problems
in the middle aged populations and post-menopausal women, worldwide. The
prosthetic infection has been another cause for revision surgery in many patients
undergoing orthopedic surgeries. A number of chapters in this book will discuss the
case studies related to some of these human diseases.

The ultimate impact on human healthcare has attracted a large number of
materials engineers (more than other engineering disciplines) to pursue research on
biomaterials over the last few decades around the world. In fact, many materials
science and engineering departments in those universities offer the compulsory
course on this subject at undergraduate and graduate levels. Different books treat
this subject in different manners. The sustained progress in this field demands a
textbook highlighting some of the major applications of the biomaterials for
musculoskeletal applications. One of the authors, Dr. Bikramjit Basu, being a
metallurgist by formal undergraduate and postgraduate training and a ceramicist by
virtue of doctoral training, and the other author, Dr. Sourabh Ghosh with a back-
ground of textile technology and surgical oncology, together have conceptualized
this book in a different manner than the existing books on this subject. In particular,
this book has the following important features: (a) coverage of the various con-
ventional and advanced manufacturing of materials as well as mechanical and
biocompatibility properties of newly developed biomaterials through a number of
case studies demonstrating the opportunity of biomaterial development and (b) a
discussion on how to take lab scale research to a patient’s bedside through tech-
nology readiness level assessment of biomedical device prototype development and

xiii



clinical trials with examples. In view of such important features, this book will be
extremely useful for the non-specialist and the beginners in the field of biomaterials.

It is expected that this text book will help the young researchers to appreciate the
fact that one does not need to know the entire spectrum of biological sciences to
conduct cutting edge research on biomaterials.

This text book entitled “Biomaterials for Musculoskeletal Regeneration:
Application” contains altogether 12 chapters with 10 chapters on case studies
illustrative examples of biomaterials development. The introductory chapter
emphasizes the clinical perspective of this field and this is followed by several case
studies, essentially illustrating various aspects of development of biomaterials for
different biomedical applications. In the first of such chapters, the biocompatibility,
cell adhesion and proliferation of hydroxyapatite–titanium (HA-Ti) bulk
nanocomposites are presented. The toughness enhancement of bioceramic implants,
particularly for hydroxyapatite-based materials, has been a major concern. This
aspect has been discussed in reference to the HA-Ti-based composites with mod-
erately high fracture toughness properties. The results of in vitro studies are also
summarized to demonstrate that cytocompatibility is not compromised while
achieving better toughness properties. This is followed by a chapter on micro- and
macroporous scaffolds, primarily based on HA. Some of the new design concepts in
developing implants and the perspective of the development of multifunctional
biomaterials with multiscale porosity are emphasized. This chapter closes with the
brief discussion on some of the newer approaches for the enhancement of bio-
compatibility properties.

The following chapters thereafter discuss strontium-containing glass ceramics
and mica glass ceramic (Chap. 5). The results of both in short-term and long-term
osseointegration together and implant stability are majorly discussed in Chap. 4,
and to this end, the results of histology and microcomputer tomography are sum-
marized. The possibility of developing some fascinating microstructures and
composition-dependent in vitro properties are discussed in Chap. 5. The next
chapter, i.e. Chapter 6, presents the case study on HDPE-based hybrid composites
using injection moulding route, and their biocompatibility properties are also
summarized. One important aspect is the biomaterial-based prototype development.
This aspect is discussed in Chap. 7 in reference to HDPE hybrid composite-based
acetabular socket development for total hip surgery. In Chap. 8, strategies and
unsolved challenges to develop printed cartilage has been addressed.

The clinical trials are important aspect in translational research on biomaterials.
The basic premise as well as a thorough discussion on randomized control trials is
provided in Chap. 9. This is followed by a chapter on clinical trials for biomaterial
constructs for maxillofacial reconstruction (Chap. 10). The technology and manu-
facturing readiness level to take laboratory-scale research to prototype development
is discussed in Chap. 11. The last chapter provided author’s perspective on the
present status and future growth of this societally important field of research. In
summary, the various chapters globally present the authors’ perspective on various
stages to be followed while developing a new biomaterial—from materials processing
to physical properties/mechanical properties measurement and to in vitro/in vivo
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biocompatibility assessment. Such an integrated approach requires one to acquire a
healthy theoretical foundation of both materials science and biological sciences, and
these aspects are broadly discussed in a large number of chapters in this book.

This book is an outcome of several years of teaching undergraduate- and
postgraduate-level courses in the area of biomaterials, being offered to students of
Indian Institute of Technology Kanpur, Indian Institute of Technology Delhi, and
Indian Institute of Science, Bangalore, India. Several chapters of this will also
reflect on the extensive research from the author’s research group, both at IIT
Kanpur and at IISc, Bangalore, as well as IIT Delhi in last one decade, which is
being supported by Council of Scientific and Industrial Research (CSIR),
Department of Biotechnology (DBT), Department of Science and Technology
(DST), Indo-US Science and Technology Forum (IUSSTF), and UK-India
Education and Research Initiative (UKIERI).

One of the authors, Dr. Bikramjit Basu, would like to acknowledge some of his
present and past group members, who deserve special mention, including
Greeshma T., B. Sunil Kumar, Ravikumar K., Yashoda Chandorkar, Sharmistha
Naskar, Anupam Purwar, Ragini Mukherjee, Gopinath N.K., Atasi Dan, B.V.
Manoj Kumar, Amartya Mukhopadhyay, G.B. Raju, Indu Bajpai, Shekhar Nath,
Subhodip Bodhak, D. Sarkar, Atiar R. Molla, Naresh Saha, Shouriya Dutta Gupta,
Garima Tripathi, Alok Kumar, Shilpee Jain, Ashutosh K. Dubey, Shibayan Roy,
Ravi Kumar, Prafulla Mallik, R. Tripathy, U. Raghunandan, Divya Jain, Nitish
Kumar and Sushma Kalmodia. The author also acknowledges the past and present
research collaborations with a number of researchers and academicians, including
Drs. Omer Van Der Biest, Jozef Vleugels, R.K. Bordia, Dileep Singh, M. Singh, T.
Goto, Sanjay Mathur, T.J. Webster, Amar S. Bhalla, Ruyan Guo, Mauli Agrawal,
Artemis Stamboulis, G. Sundararajan, K. Chattopadhyay, K. Balani, V. Verma, K.
Biswas, N.K. Mukhopadhyay, M. Banerjee, R. Gupta, Mira Mohanty, P.V.
Mohanan, Ender Suvaci, Hasan Mondal, Ferhat Kara, Nurcan Kalis Ackibas, S.
J. Cho, Doh-Yeon Kim, J.H. Lee, Alok Pandey, Arvind Sinha and Animesh Bose.

One of the authors, Dr. Bikramjit Basu, is grateful for the suggestions from
several colleagues, including Prof. David Williams, Prof. G. Padmanaban, Prof.
Indranil Manna and Prof. N.K. Mukhopadhayay. The author also would like to
acknowledge the long-term association with a few of his colleagues, including
Profs. Seeram Ramakrishna, Mauli Agrawal, Raman Singh, Anish Upadhyaya,
Kantesh Balani and Krishanu Biswas, who have provided some suggestions to me
during the course of writing this book. A few chapters of this book are critically
reviewed by Profs. M.S. Valiathan, Abhay Pandit, Brian Derby, P. Balaram, H.S.
Maiti, Dieter Scharnweber, Alok Dhawan, Ranjna C. Dutta, Deepak Saini, Aditya
Murty and S. Bose. We are grateful to them. The author also acknowledges the
support from the colleagues of SCTIMST, Trivandrum, including Drs. C.
P. Sharma, H.K. Varma, C.V. Muraleedharan, A. Sabareeswaran and
Sahin J. Shenoy during the course of writing this book. The clinical and commercial
perspective on biomaterials development, as summarized briefly in this book, is
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largely credited to the author’s continuous discussion with his colleagues, Dr. D.C.
Sundaresh (honorary director, Sri Sathya Sai Institute of Higher Medical Sciences,
Bangalore), Mr. Ravi Sarangapani (vice president, Smith and Nephew, Pune), Dr.
Tanvir Momen (orthopaedic surgeon, Woodlands Hospital, Kolkata), Dr. K.H.
Sancheti (Sancheti Hospital, Pune) and Dr. T.R. Rajesh (cardiothoracic surgeon,
Sparsh Hospital, Bangalore).

One of the authors, Dr Bikramjit Basu, would also like to thank the Centre for
Continuing Education, IISc, Bangalore, and the Indian Institute of Metals (in par-
ticular the office bearers of the IIM Headquarters, Kolkata, and other colleagues
involved in the Springer-IIM book series, Dr. K. Bhanu Shankar Rao and Dr.
K. Mudali) for extending necessary support and financial help during the writing of
this book. The author likes to express his gratitude to his long-time friend and
collaborator, Dr. Jaydeep Sarkar, for his constant inspiration during the writing of
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our parents and family members during the course of writing this book. Last but not
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Institute of Advanced Studies, Bangalore, for his constant inspiration to motivate us
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Abstracts and Keywords

Chapter 1

Abstract: In this introductory chapter, the clinical perspective highlighting the
relevance of biomaterials towards human healthcare is discussed. The major driving
force behind the development of new generation of biomaterials is the implant
failure, longer healing time post-surgical implantation or leading to clinically
unacceptable host response. These issues are emphasized after defining a few
concepts of biomaterials science. It is envisaged that the brief discussion in this
chapter will set the platform for the readers to realise the significant thrust to
develop implantable biomaterials with better host response for musculoskeletal
applications.

Keywords: Bioceramics, Biocomposites, Biomaterials, Biopolymers, Bone,
Ceramics, Clinical perspective, Implant failure, Implants, Knee replacement,
Metals, Polymers, Revision surgery, Scaffolds, Tissue engineering, Total hip
replacement.

Chapter 2

Abstract: The research on bulk hydroxyapatite (HA)-based composites is driven by
the need to develop biomaterials with better mechanical properties without com-
promising biocompatibility properties. Despite several years of research, the
mechanical properties of the HA-based composites still need to be enhanced to
match the properties of natural cortical bone. In this regard, the scope of the present
chapter is limited to discuss the processing and the mechanical as well as bio-
compatibility properties in the context of bone tissue engineering applications of a
model system i.e. HA–Ti. It will be discussed as how hydroxyapatite-titanium
(HA–Ti) based bulk composites can be processed to have better fracture toughness
and strength together with uncompromised biocompatibility. On the materials

xxv



fabrication aspect, the recent results are discussed to demonstrate that advanced
manufacturing technique like, spark plasma sintering can be adopted as an
advanced processing route to restrict the sintering reactions, while enhancing the
mechanical properties. Various toughening mechanisms are discussed with an
emphasis to synergize multiple toughening mechanisms, which requires careful
tailoring of microstructure. The in vitro cytocompatibilty, as well as in vivo bio-
compatibility results are also reviewed.

Keywords: Ag, Al2O3, BaTiO3, Biocompatibility, Brittleness, CaTi4(PO4)6,
CaTiO3, Compressive strength, Conventional sintering, Crack bridging, Crack
deflection, Crack growth resistance, Densification, FGM, Field Activated Sintering
Technology (FAST), Fluorescence microscope, Fracture toughness, HA, HA–ZrO2,
HA–Ag, HA–Al2O3, HA–BaTiO3, HA–CaTiO3, HA–Ti, in vitro, in vivo, KIC,
Phase stability, SEM, SEVNB, Sintering, Spark plasma sintering, SPS, TCP, TEM,
Ti, Toughening mechanisms, Toughness, ZrO2, α-TCP, β-TCP.

Chapter 3

Abstract: This chapter will present some of the unique processing approaches to
develop porous scaffolds with porosity scaling in the range of either 1–50 μm or in
the range of 100–300 μm. In the first part of this chapter, the results will be
summarized to illustrate how hydroxyapatite scaffolds with micro/mesoscale
porosity in the range of 1–50 μm can be produced using the polymer blend method
using PMMA (poly methyl methacrylate) as porogenous template. The cytocom-
patibility assessment using human osteoblast cells (Saos2) confirm that the adopted
processing approach to produce porous hydroxyapatite scaffolds can stimulate
significant cell adhesion and osteoblast differentiation. In the second part of this
chapter, the efficacy of polymer sponge replication method to prepare the macro-
porous hydroxyapatite scaffolds with interconnected oval shaped pores of 100–
300 µm with pore wall thickness of *50 µm will be demonstrated. The enhanced
cellular functionality and the ability to support osteoblast differentiation for porous
scaffolds in comparison to dense HA has been explained in terms of higher protein
absorption on porous scaffold. The last part of the chapter will present the results on
the protein adsorption and release kinetics as well as in vitro biodegradability of
cryogenically cured hydroxyapatite-gelatin based micro/macroporous scaffolds
(CHAMPS). The adsorption and release of bovine serum albumin (BSA) protein
exhibits steady state behavior over the incubation period up to 10 days. The
extensive micro-computed tomography (micro-CT) analysis establishes cancellous
bone-like highly interconnected and complex porous architecture of CHAMPS
scaffold. Importantly, excellent adsorption (up to 50 %) and release (up to 60 % of
adsorbed protein) of BSA has been uniquely attributed to the inherent porous
microstructure of the CHAMPS scaffold.
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Keywords: ALP assay, Cell adhesion, Cell differentiation, Cell growth, Cell
spreading, Cell viability, Freeze drying, Macroporous scaffold, Micro-CT,
Microporous scaffold, MTT assay, Osteoblast cells, Polymer replication method,
Pore interconnectivity, Porogen, Porosity, Protein adsorption, Scaffold, Sintering,
TEM, HA.

Chapter 4

Abstract: The most important property of bone cement or a bone substitute in load
bearing orthopaedic implants is good integration with host bone with reduced bone
resorption and increased bone regeneration at the implant interface. Long term
implantation of metal-based joint replacements often results in corrosion and par-
ticle release, initiating chronic inflammation leading onto osteoporosis of host bone.
An alternative solution is the coating of metal implants with hydroxyapatite (HA) or
bioglass or the use of bulk bioglass or HA-based composites. One of the desired
properties for any new biomaterial composition is its long term stability in a suitable
animal model and such property cannot be appropriately assessed by performing
short term implantation studies. While hydroxyapatite or bioglass coated metallic
biomaterials are being investigated for in vivo biocompatibility properties, such
study is not extensively being pursued for bulk glass ceramics. In view of their
inherent brittle nature, the implant stability as well as impact of long term release of
metallic ions on bone regeneration have been a major concern. In the above per-
spective, the present study reports the in vivo biocompatibility and bone healing
of the strontium (Sr)-stabilized bulk glass ceramics with the nominal composition of
4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2 during short term implantation of up to
12 weeks in rabbit animal model followed by long term implantation for 26 weeks
in cylindrical bone defects in rabbit model. The progression of healing and bone
regeneration was qualitatively and quantitatively assessed using fluorescence
microscopy, histological analysis and micro-computed tomography. The overall
assessment of the present study establishes that the investigated glass-ceramic is
biocompatible in vivo with regards to local effects after short term implantation in
rabbit animal model. Excellent healing was observed, which is comparable to that
seen in response to a commercially available implant of HA-based bioglass.

Keywords: Biocompatibility, Bone implant interface, Bone labeling, Bone mor-
phometric analysis, BV/TV ratio, Explants, Femoral defect model, Fluorescence
image, Fluorochrome dosage, Glass-ceramics, Histology, in vivo, Long term bio-
compatibility, Micro-CT, Neo-bone, Osseointegration, Rabbit model, Short term
biocompatibility, Sr, X-ray radiography.

Chapter 5

Abstract: The design and development of glass ceramic materials provide us the
unique opportunity to study the microstructure development with changes in either
base glass composition or heat treatment conditions and thereby developing an
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understanding of processing-microstructure-property (mechanical/biological)
relationship. Among various brittle materials, the mica based glass ceramics with
crystalline ceramic embedded in a glass matrix are of greater scientific interest,
because of their machinability. Considering the potential of these materials as
dental implants, this chapter summaries the published results on K2O–B2O3–

Al2O3–SiO2–MgO–F glass ceramics to demonstrate the microstructure dependent
mechanical, tribological and cytocompatibility properties. Among the high hardness
of around 8 GPa together with 3-point flexural strength and elastic modulus of
80 MPa and 69 GPa, respectively were obtained in glass ceramics with maximum
amount of crystals. While analyzing influence of environment on the friction and
wear behavior systematic decrease in wear rate with test duration was recorded with
a minimum wear rate of 10−5 mm3/Nm after 100,000 fretting cycles in artificial
saliva. The in vitro results illustrate how small variation in fluorine and boron in
base glass composition influences significantly the cytocompatibility and antimi-
crobial bactericidal property, as evaluated using a range of biochemical assays.
Overall, the mechanical, tribological property, in vitro cytocompatibility study,
when taken together clearly reveals that microstructure and base glass composition
play an important role in enhancing the cellular functionality and antimicrobial
property.

Keywords: ALP assay, Antibacterial, Artificial saliva, Bacteria colony,
Bactericidal, Biomineralisation, Cell adhesion, Cell differentiation, Cell prolifera-
tion, Cell spreading, Ceramisation, Crystallisation, Cytocompatibility, Décor,
Dental restoration, Dissolution, Fluorophlogopite, Fretting damage, Glass, Glass
ceramics, Glass melting, Hardness, Heat treatment, in vitro, Machinability, Mica,
MTT assay, Nucleation, Osteoblast cells, S. epidermidis, Tooth, Wear rate.

Chapter 6

Abstract: In this chapter, the published research results of author’s own group are
summarized to establish the HDPE–HA–Al2O3 based hybrid composites with
enhanced mechanical properties and good biocompatibility properties. The pro-
cessing related concerns in injection molding route are discussed in reference to
addition. The tensile and flexural fracture properties are analyzed. The cytocom-
patibility with osteoblast-like cells and in vitro mineralization are also discussed.
More importantly, the osseointegration in rabbit model is qualitatively and quan-
titatively analyzed.

Keywords: Al2o3, Bone growth, Bone remodeling, Ceramic filler, Fluorescence
microscopy, Fracture toughness, HA, HDPE, Histology, Histomorphometry, Host
bone, Hybrid composite, Injection molding, KIC, MTT assay, Osseointegration,
Osteogenic cells, Protein adsorption, SEM, Shear ate, Tensile deformation, Torque,
Viscosity, in vitro, in vivo, Implant stability, Surface energy, Mineralisation, Cell
functionality, Flexural test, Viscoelastic deformation.
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Chapter 7

Abstract: In some of the preceding chapters, the processing and biocompatibility
property are discussed with a focus on ‘lab-scale’ research of designing new bio-
materials. The translation of bench to bedside requires the fabrication of biomedical
device prototype based on the lab-scale tested biomaterials. While addressing this
aspect, this chapter and ZrO2—toughened Al2O3 reports design and development
of the compression molded high density polyethylene (HDPE)-based biocompatible
acetabular socket with 20 wt% hydroxyapatite (HA) and 20 wt% alumina (Al2O3)
ceramic fillers for the total hip joint replacement applications. This new implant
material can be used either for non-cemented socket or as a liner for a metal back
porous coated cup. This is more relevant as the total hip joint replacement (THR)
arthroplasty has reduced pain clinically and tremendously improved the quality of
life for millions. In the context of a growing need to develop patient-specific
biomedical devices, this chapter describes some physical properties and more
importantly 3D microstructural characterization using micro-computed tomography.

Keywords: Acetabular socket, Al2O3, Bone implantation, CAD, Ceramic filler,
COF, Compression molding, Cytocompatibility, Femoral defect, Fretting wear,
HA, HDPE, HDPE–HA–Al2O3 composite, Hip prosthesis, in vitro, in vivo,
Osseointegration, Osteolysis, Polymer composite, Prototype, Segmental defect,
THR, Total hip joint replacement, Wear debris, Wear rate, Wear resistance, X-ray
radiography, ZrO2.

Chapter 8

Abstract: In the past decade, cartilage tissue engineering research envisaged on the
development of engineered constructs to repair cartilage defects, which could be
inflicted due to degenerative disease or traumatic injury. However, despite signif-
icant efforts, development of load bearing functional cartilage remains elusive. 3D
bioprinting offers a fascinating approach to replicate the complex anatomical car-
tilaginous tissue architecture by precise delivery of encapsulated cells and mor-
phogens at pre-determined location. Silk fibroin protein can be used for cartilage 3D
bioprinting, as it possesses unique features such as shear thinning behaviour,
self-supporting filamentous extrusion, instant cytocompatible sol-to-gel transition
and tailorable mechanical strength. But systematic optimization of chemistry and
rheology of bioink, topographical, physico-chemical and biomechanical function-
ality of printed cartilage constructs should be done to achieve this target. In this
chapter we tried to summarize how chondrogenic differentiation is supported in 3D
printed construct and signaling mechanisms minimizing hypertrophic differentiation
of progenitor cells towards development of phenotypically stable engineered car-
tilage constructs.

Keywords: 3D Printing, Alveolar ridge, Hydroxyapatite, Maxillofacial, Osteocytes,
Textile braids.
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Chapter 9

Abstract: An important concept that has been increasingly recognised in the
biomedical research community is the ‘bedside-bench-bedside’ concept. Once a
new biomaterial is found to exhibit a pre-clinically acceptable biocompatibility, the
final and the most important stage of research is the clinical trial using
ethically-approved protocols. The research on biomaterials should evolve around a
specific disease model and, therefore, in vitro as well as in vivo biocompatibility
assessments should involve the use of relevant cell lines or animal models,
respectively. This chapter introduces the importance of clinical trials in biomate-
rials’ research, which has received increasing attention, but is yet at a lower
intensity than those in the case of new drug designs and development. Further more,
various possible avenues to conduct clinical trials are also briefly mentioned.
Subsequently, this chapter discusses the concept of Randomised Control Trials
(RCTs). Some illustrative examples are also provided to substantiate how clinical
trials can establish the clinical efficacy of some of in vivo biocompatible implants.
The various stages of the clinical trials are also highlighted. One specific example is
discussed to describe the rationale for the study of design as well as the outcomes of
clinical trials, particularly in the context of dental implants in prosthodontics.
Subsequently, the chapter closes with the ethical issues/approval stages to be
critically considered prior to conducting any clinical trials. The content and dis-
cussion in this chapter should be used only for academic purposes as the ethical
approval and associated legal issues involved in clinical trials can vary from
country to country. In order to illustrate some published clinical study reports in the
field of bone tissue engineering applications are described for the readers to develop
an understanding of how to conduct such experiments in clinical settings as well as
how to evaluate the outcomes of such important studies. As a cautionary note to the
readers, this chapter should neither be used to design any clinical trial study nor
does this document have any legal binding.

Keywords: Allocation concealment, Blindness, Clinical trial, CONSORT,
Cranioplasty, Good clinical practice, Good laboratory practice, Osteoporosis,
Phase I trial, Phase II trial, Phase III trial, Prosthodontic, Randomization,
Randomized control study.

Chapter 10

Abstract: Increasing number of clinical incidences of maxillofacial disorders has
developed the quest for the fabrication of improved synthetic materials to aid in
complete craniofacial restoration. Replicating the complex 3D architecture and
functional dynamics of maxillofacial bone tissue is a challenging proposition which
aggravates the need for a custom-made, on demand tissue replacement strategy for
rendering patient specificity which could not be achieved till date. Textile tech-
nology offers versatility to develop 3D spatial structures with tailor-made
mechanical properties in the order of micro- and macro meters. 3D printed
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structures have fascinating potential for reconstruction of maxillofacial deforma-
tions due to the ability to fabricate patient-specific, defect site-specific structural
features in the order of several nanometers along with the flexibility of being
tailored into any desired shape or size. These case studies highlight clinical trials to
evaluate the key properties of high performance textile braided structures for
preservation of dimension of alveolar ridge as well as 3D printed Hydroxyapatite
Direct-write scaffolds for maxillofacial reconstruction and how tailoring their
architecture could enhance patient-specificity and defect-specificity in situ.

Keywords: Biocompatibility, Bone implant interface, Bone labeling, Bone mor-
phometric analysis, BV/TV ratio, Explants, Femoral defect model, Fluorescence
image, Fluorochrome dosage, Glass-ceramics, Histology, in vivo, Long term bio-
compatibility, Micro-CT, Neo-bone, Osseointegration, Rabbit model, Short term
biocompatibility, Sr, X-ray radiography.

Chapter 11

Abstract: Any attempt to pursue translational research requires adopting a truly
interdisciplinary approach by integrating the ideas drawn from multiple disciplines
such as Mechanical engineering, Materials Science, Biological sciences and
Biomedical engineering. While emphasizing the need to develop a scalable and
commercially viable strategy to fabricate biomedical implants, this chapter will
discuss the concepts of Technology Readiness Levels (TRLs) and Manufacturing
Readiness Levels (MRLs). In discussing various TRLs, the different aspects of
property measurements or process control are emphasized. The maturation of
technology can be realized once one travels across different TRLs. Two illustrative
examples are provided so that one can judge how to assign various TRLs at dif-
ferent levels of technology development in research on bone tissue engineering.

Keywords: GLP, GMP, Good laboratory practice, Good manufacturing practice,
Manufacturing readiness level, MRL, Technology readiness level, Translational
research, TRL.

Chapter 12

Abstract: The last one decade has witnessed a significant impetus towards
patient-specific solutions of biomedical implant prototypes. The discussion in
preceding chapters emphasize that multidisciplinary efforts are required to establish
such patient-specific implants. Finite element (FE) modelling is used to predict the
site-specific mechanical properties, which in-turn requires 3D reconstructed models
of macroscopic biological entities based on CT/MRI scan data. The importance of
low temperature additive manufacturing processes in fabrication of the patient-
specific implants have been particularly highlighted. Also the major challenges
related to the design, development and performance limiting properties of the
scaffolds are discussed in this chapter. It has been emphasized that the optimization
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of the shape and size of the pores in the scaffolds is a challenging task in order to
obtain the desired in vivo cytocompatibility property. The chapter closes with the
author’s perspective on developing biomedical research programs leading to
device/implant fabrication.

Keywords: 3D plotting, 3D printing, Additive manufacturing, Binder,
Biocompatibility, Biomedical device, Bone implant, CAD, Clinical trial, CT scan,
ECM, Extracellular matrix, FDM, Finite element (FE), Hemocompatibility,
Histopathology, Implant, in vivo, Layer-by-layer manufacturing, Manufacturing,
Micro-CT, Patient-specific implant, Pore shape, Pore size, Porous architecture,
Prototype, Regulatory approval, Scaffold, Split-Hopkinson pressure bar test,
Toxicology, Weibull modulus.
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Chapter 1
Introduction

1.1 Clinical Perspective

Musculoskeletal health problems are considered as prevalent healthcare disorder,
particularly in human population for many developing nations, including India,
China, etc. Though this was recognised by the United Nations and the WHO
through the Bone and Joint Decade (2000–2010), it can be said that significantly
more steps are required towards affordable healthcare. The human population in
many nations is gradually tending towards older average age and concomitantly
reports higher incidences of osteoporosis, osteoarthritis, and other musculoskeletal
diseases. This is reflected in the orthopaedic devices market, exhibiting a rapid
growth to be valued at up to $41.2 billion by 2019. Several technological inno-
vations in diverse spheres of science are driving growth in this sector; these include
biodegradable implants and internal fixation devices, design of patient-specific
implants, real time sensor embedded implants etc. It is imperative that manufac-
turing capabilities be strengthened alongside translating research knowledge into
clinical practice.

Presently, a large proportion of healthcare-related treatment involves the use of
medical devices in diagnosis, monitoring and implantable applications. The quality
of healthcare in the developing nations largely depends on imported medical
devices, and there exists an immediate unmet need to engage the manufacturing
sector in making medical devices. Many of these devices, particularly those man-
ufactured in the US and Europe, are not designed to take account of the charac-
teristics of patients in various developing nations. Alongside the increased
availability of minimally invasive procedures, it can be anticipated that many
nations will urgently require large-scale but precise engineering and manufacturing
of patient-specific orthopaedic products. Specifically, medical implant manufac-
turing is a sector which requires patient customization for best results, as well as
extreme precision and strict quality control. Moreover, a highly regulated
pre-marketing approval process coupled with the cutting edge nature of medical
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research also implies short product life cycles. Medical device manufacturing thus
needs to be highly versatile and responsive to changes.

One of the important bottlenecks in any medical device development is the
fact that most manufacturing modalities are developed by mechanical/
material scientists using standard production materials with little considera-
tion of suitability of such manufacturing processes to be adopted for medical
devices.

In India, approx. 17 % of the overall population suffers from ailments related to
musculoskeletal disorders (MSD), amongst which osteoarthritis is the most common
(14 %) followed by lower back pain (8 %). Traditionally, customized implants were
introduced to treat cases when the available ‘off-the-shelf’ implant did not fit into the
anatomical site, as in the case of patients with juvenile rheumatoid arthritis (JRA), or
with unusual bone geometry, or for revision procedures with previous implant fail-
ures. However, given the increase in efficiency of technology, physicians are hoping
to extend the benefits of patient-specific implants tomore common procedures like hip
replacements, knee arthroplasty and treatment of recurring tumours.

The orthopaedic device market comprises sales of reconstructive joint implants,
trauma devices, spinal implants, bone graft substitutes, etc. The present market for
joint replacement alone in one of the developing nations, India, hovers above Rs.
2000 million and most commercial market analysts, e.g. Frost and Sullivan, have
forecast a robust growth of this segment. Such anticipated growth is primarily
powered by an increasingly aging demographic profile of the country, who require
the use of orthopaedic devices in view of their sedentary lifestyle and the recent
spurt in medical tourism. There are about 200,000 knee and hip replacements
performed in India annually as of 2014, including perhaps 100,000 medical tourism
procedures, while the overall growth rate in orthopaedic implants is estimated to be
more than 25 % per annum for the next 5–6 years.

The basic limitations, however, are economic disparity, inaccessibility of med-
ical technology in remote areas and a general sense of fear and dissatisfaction
amongst patients undergoing interventions. It may here be noted that, along with
governmental policies which promote improvements in economic conditions and
accessibility and affordability for patients, technological interventions which can
overcome the limitations can phenomenally add to market growth apart from
improving clinical outcomes. The use of additive manufacturing (AM) technologies
to produce patient-specific medical implants is undoubtedly one such technological
innovation, which can radically change orthopaedic surgical practice and make it
more accessible and economically acceptable to the people. Precise advantages will
be obtained through the transmission of data over the internet to manufacturing sites
directly from hospitals, which could be located in remote areas. In addition, there
could be reduced costs of materials required for production, and reduction in sur-
gical times and hospitalization duration due to better fixation along with removal of
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revision procedures. The major global players among orthopaedic device manu-
facturing companies include ArthroCare, B. Braun Melsungen, Biomet, Maxx
Orthopedics, Inc., ConMed, Johnson and Johnson, DePuySynthes, Medtronic, Otto
Bock HealthCare, Smith and Nephew, Stryker, and Zimmer. This apart, some
start-up companies are also venturing into orthopaedic manufacturing. However,
the requirement of a large infrastructure for manufacturing and testing of ortho-
paedic implants can often be an obstacle to the start-ups, as opposed to their
opportunities in the tissue engineering field.

1.2 Failure of Implants

The excitement at the fact that a synthetic material can replace a diseased
organ/tissue has been a major catalyst for the growth of research on biomaterials.
The field of biomaterials is extensive, covering all divisions of materials science
and many other scientific disciplines. For practical use, a biomaterial should be
amenable to being formed or machined into different shapes, have relatively low
cost, and be readily available. Figure 1.5 presents a schematic of the various human
body parts, which can be potentially replaced by synthetic biomaterials.

In the context of orthopaedic application, biomaterials are used in different parts
of the body for a specific function, e.g. femoral stem, femoral ball head and
acetabular cup in THR (Total Hip Replacement), dental implant etc. (see Fig. 1.5)
[1–3]. The failure of an implant necessitates that the patient undergo revision
surgery [4]. The reasons for the failure of an implant include (a) mismatch in the
elastic modulus between implant and the host bone; (b) poor mechanical properties
(e.g. fracture toughness); (c) generation of corrosion product; (d) dissolution of
material; (e) wear debris; and (f) bacterial infection etc. Therefore, these issues are
to be considered during the designing of a biocompatible material for an ortho-
paedic application.

As discussed in the preceding section, the failure of orthopaedic implants limits
durability/lifetime and this has been an important aspect that has driven research on
developing new implants. The implant failure can be attributed to a multitude of
factors, which are summarised in Fig. 1.1. Material removal in biomechanically
loaded articulating orthopaedic joints is caused by wear at interacting surfaces.
Continuous sliding, often with low relative displacement between mating surfaces,
causes friction particularly in older patients and such friction leads to considerable
pain, if physiological fluid contained at osteochondral sites is dried up. The related
disease or patients’ discomfort is widely known as osteoarthritis (OA), which is
found mostly in knee joints. Depending on the severity of osteoarthritic pains, the
injection of hyaluronic acid based FDA approved drugs can be one of the clinical
solutions for severe OA cases. However, knee replacement is the only clinical
solution for fourth degree OA, when OA related pain extends from the knee region
to the lower part of the legs, i.e. ankles.
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In the context of the biomedical applications of metallic implants, the cor-
rosion and wear have been widely perceived to limit the long-term perfor-
mance at articulating joints.

Another aspect of wear has much more biological ramifications. The finer sized
wear debris particles, generated at articulating joints, can be transported through
blood and subsequently through urine. However, insoluble and finer debris particles
are often accumulated in the host tissue and can cause inflammation as a short term
host response. Over a longer timescale, the wear particles can cause genotoxicity,
i.e. DNA damage or carcinogenicity. The debris particles are not only generated
through friction and wear, but also through corrosion of metallic implants/
degradation of polymeric scaffolds. The dynamic change in pH or other physio-
logical parameters in terms of ionic environment around an implant leads to
material degradation. All these aspects drive the development of the new generation
metallic implants.

For ceramic implants, the low fracture toughness or strength properties
(fatigue/bending/compression/tensile) often lead to failure under the existing
biomechanical loading conditions, in vivo.

Fig. 1.1 Schematic illustration of various factors responsible for revision surgery (redrawn) [1]
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The lack of our predictability for implant failure is the absence of long term
device level testing. Depending on targeted applications, specific joint simulator
tests are adopted. This is preceded by the lab-scale development of any new bio-
material. It needs to be emphasized here that the lab scale testing involves a sim-
plistic uniaxial or monotonic loading condition. In actual clinical conditions, an
implant is subjected to loading in an oblique manner as well as to a combination of
various modes (e.g. compression and bending together in the case of hip implants).
Moreover, an implant is tested for strength properties in isolation. However, an
orthopaedic device often contains an assembly of bearing materials and the
biomechanical load transfer at the contacting interface can additionally contribute to
the failure of implants. An illustrative example of stem failure in total hip
replacement is due to two contrasting cases of mismatch in elastic modulus shown
in Fig. 1.2. The failure of an implant is analysed using X-ray radiography, and such
failure causes significant pain, which necessitates revision surgery.

The mismatch in elastic modulus between the implant and host bone leads to
the differential loading of the implant, which causes stress shielding and bone
resorption.

The above aspect can be addressed using either (i) implants with matching
elastic modulus without compromising the strength/toughness properties or (ii) in-
novative design of gradient in porosity on the outer surface of implant or
(iii) porous biocompatible coatings. It is worthwhile to note that a given material

Fig. 1.2 Representative X-ray radiographs revealing two clinical cases caused by a significant
mismatch between the host bone tissue and the synthetic implant in total hip replacement surgery:
a aseptic loosening (Eimplant > Etissue) and b mechanical failure leading to stem fracture
(Eimplant < E tissue), as indicated by arrow
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can have matching modulus, but may have poor load bearing property (inferior
strength) or biocompatibility property. Therefore, options (ii) or (iii) can provide
clinically relevant solutions. FEM simulation results also proved that an implant
with gradient porosity can be a better solution to address stress shielding compared
to dense implants, particularly in the case of the stem in THR.

The inflammation due to the lack of structural or mechanical compatibility can
cause implant failure. In the case of a bioinert implant, the fibrous encapsulation
shields an implant from its surrounding osseous structure and such a scenario in the
long term causes implant failure. Summarising, the discussion in this section
emphasises the growing need to develop new implantable materials with tailored
mechanical properties for bone tissue engineering applications. Such a discussion
therefore establishes the basis for subsequent discussion on defining biomaterials
and biocompatibility as well as briefly on different material classes.

1.3 Defining Biomaterials and Related Concepts

Biomaterials can be defined as synthetic materials which have been designed to
induce a specific biological activity. In order to perform a particular function, it is
necessary for the implanted material to be compatible with its environment and not
to produce any toxic effect in the body. Williams defines biomaterials as follows.

A biomaterial is a substance that has been engineered to take a form which,
alone or as part of a complex system, is used to direct, by control of inter-
actions with components of living systems, the course of any therapeutic or
diagnostic procedure, in human or veterinary medicine.

The major difference between biomaterials and other classes of materials is their
ability to remain in a biological environment without damaging the surrounding
tissues/bones and without getting damaged in that process [5]. Therefore, bio-
materials require both biological and materials properties to fit in with a specific
biomedical application. After fabricating a biomaterial, detailed structural and
functional characterization need to be conducted prior to implantation, as depicted
by the biomaterials science tetrahedron in Fig. 1.3. For instance, a material for
nerve regeneration must be compatible with the surrounding environment, and at
the same time it should be flexible and stable during nerve regeneration. It must be
emphasized here that the biological properties/response of a material in a physio-
logical environment are by far the most important consideration, as opposed to
superior mechanical properties, for selecting/defining biomaterials. From health
care perspective, it is desirable that a biocompatible material interrupts normal body
functions as little as possible. The most important aspect of a biomaterial is,
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therefore, how a material interacts with living systems, when it is implanted in the
human/animal body.

It is instructive to examine the implications of such important terms in the
introductory section of this book.

Apart from its formal definition, biocompatibility, in the author’s opinion,
should ideally be considered as a concept, rather than a simple material
property.

This concept has been described in Fig. 1.3 with the help of the materials science
tetrahedron. A change of process parameters is bound to influence the
microstructure, which in turn will have an effect on physical property (hardness,
strength, toughness). In addition, the biomedical application specific in vitro and
in vivo properties are the most important aspects of biomaterials research.

The final determinant for any implant to see the light of day is the perfor-
mance assessment, first in appropriate animal models to assess host response
(tissue-level compatibility), followed by clinical trials in human subjects.

The fact that ‘biocompatibility’ sits at the center of the tetrahedron in Fig. 1.3
makes the point that this concept is to be understood at the crossroads of
process-microstructure-property-performance. In fact, any single property mea-
surement, e.g. in vitro results, can be used as one of the components of the ‘bio-
compatibility’ concept, but an understanding of the above-mentioned range of
properties is required to achieve the ideal of biocompatibility.

Extending the discussion further, Fig. 1.4 summarizes various aspects to be
considered when developing bone analogue materials. It is interesting to note that
50 % of the aspects mentioned in Fig. 1.4 relate mainly to the biological properties,
which include both in vitro and in vivo property assessment. Moreover, many of the

Fig. 1.3 The materials
science tetrahedron relating
the four cornerstones of
materials science and
engineering: microstructure,
properties, processing and
performance with
characterization playing an
important role
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biological properties can be correlated with the microstructure and surface prop-
erties, while processing conditions influence both microstructure and properties.
Among the biological properties, in vitro biomineralisation is more specific to bone
replacement materials, while antimicrobial properties, cytocompatibility and tissue
compatibility are common to biomaterials for diverse biomedical applications.
Biomineralisation is related to the ability of a material (which may not contain any
CaP phase in bulk) to support the CaP-rich layer formation in simulated body fluid.
All the in vitro properties (biomineralisation, antimicrobial and cytocompatibility)
are used to screen the material prior to in vivo osseointegration study on a limited
number of samples in view of the animal ethical considerations. The endpoint
results after in vivo test guide the researchers to plan for human clinical trials, which
require the strictest ethical/regulatory committee approval is required. The above
discussion also reflects the interdisciplinary nature of the field of bone tissue
engineering.

In the context of pre-clinical study, the host response is an important aspect of
scientific relevance. This specific term implies the biological acceptance or inte-
gration of non-living biomaterial in a living system. The signature of such response
is reflected in the appropriate tissue response around the implanted biomaterial.

Depending on the host response, biomaterials are classified as follows.

(a) Bioinert/biotolerant (absence of any significant biological bond between
implants and bone),

Fig. 1.4 Various facets involved in research on the development of bone replacement materials
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(b) Bioactive (implant and bone attach directly to each other,
post-implantation),

(c) Bioresorbable (implant gradually resorbed and substantially replaced by
new bone ingrowth).

It is important to note that no material implanted in living tissues can be con-
sidered as inert. In reality, all materials elicit a response from the host tissue. It is
critical that any implant material must avoid a toxic response, which kills cells in
the surrounding tissues or releases chemicals that can migrate within tissue fluids
and cause systemic damage to the patient (Fig. 1.5).

A biomaterial should be non-cytotoxic, biocompatible, and for many applica-
tions it should also show osteoconductive properties. Osteoconductivity is defined
as the ability of the implant material to serve as a scaffold for new bone formation

Fig. 1.5 The anatomical areas in the human skeletal system, wherein synthetic biomaterials can
be used for repair/replacement of injured part
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and therefore promote osteoblast adhesion, proliferation and differentiation [6, 7].
Osteoinductivity is the ability of a biomaterial implanted at a non-bone-forming
site in vivo to induce new bone formation.

In summary, a biomaterial should not damage the surrounding tissue under such
specific conditions (Fig. 1.1). Therefore, on the basis of the above-mentioned
properties, biomaterials can be differentiated from the other classes of materials. It
should be noted that the choice of biomaterial solely depends upon the anatomical
location of use. In this book, significant emphasis is placed on bioinert and
bioactive materials primarily for hard tissue replacement applications.

1.4 Conclusion

The procedure for complete replacement of a hip joint started its journey with
implant and bone cement and provided more or less tolerable results [8]. The large
number of operations performed each year shows that total hip arthroplasty is a
well-established procedure for the management of hip joint anomalies, with an
average of 500,000 cases in the USA alone [9]. This huge statistic indicates the
demand for functional development of the implants. The 3D FE model was
introduced in 1983 by Rohlmann et al. [6] to show the stress effect in implant and
bone. Previous researchers showed that the prostheses with collar in contact with
femur bone may generate physiological stresses [7, 10]. Some scientists commented
that highly stiffened prostheses generate higher stress and lower cement interface
stress [6, 7, 11–13]. Combined with the rapid development of advanced manu-
facturing techniques, FEM helped us to think about the concept of the customized
prosthesis in the mid-1990s. It was observed that cement-less press-fitted implants
were mostly showing better performance over cemented ones. However, tendencies
to intra‐operative cracks and fractures, early stem loosening and secondary proxi-
mal bone loss were seen, possibly due to stress shielding and femoral osteolysis.
Most of these problems were thought to be related to a geometric mismatch
between the stem and the endosteal bone due to variability of upper femoral
geometry [14]. These problems prompted several research groups to become
involved in the development of customized femoral stems to optimize the fit of the
stem to the femur and to optimize the biomechanics of the joint [15–19].

Despite such attempts, the following issues remain to be addressed, (a) the
position-wise optimum quality of bone (according to Hounsfield unit) that should
remain after implantation for better bone growth, (b) the best possible interfacial
gap between implant and bone, (c) the optimum pore size of the porous implant
material for proper bone growth and (d) the arrangement of functionally graded
materials to achieve optimum stiffness. The aspect that is still not considered in
most of FE-based studies is the condition of the existing bone, which would
actually be exposed to the stresses from the implant. The difference between actual
situation and simulated situation from CT scan data is also a matter of concern. In
view of the difference in the elastic properties of the bone and the implant material,
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difference in strain conditions can be perceived, when subjected to physiological
loads. This, in turn, creates highly uneven stress distribution with few regions of
stress concentration, along with other regions of stress shielding. This leads to
damage of the bone, and bone tends to breakdown at the regions of stress con-
centration with cyclic loading during gait activities of daily living, while it suffers
resorption at the regions of stress shielding. Both of these lead to misfit and
loosening. The proper straining of the implant is anticipated to be very important for
even distribution of stress and promotion of bone growth and bone remodelling at
the interface which would, in turn, improve the grip of the implant.

Besides the design problem, the manufacturing aspect is also important here for
the intricate 3D shape of many implants/devices. Laser Engineered Net Shaping
(LENS), Rapid Prototyping (RP), electron beam machining, 3D CNC milling
machining etc. are the most acceptable techniques to develop those implants. Some
attempts are made to evaluate the mechanical and biomechanical performance of
novel custom-made dental implants fabricated by the selective laser melting tech-
nique with simulation and in vitro experimental studies. It was concluded that this
method can provide an efficient means of printing fully dense customized implants
with high strength and sufficient dimensional accuracy. Adding the threaded
characteristic to the customized root‐analog threaded implant design is reported to
enable the approximate geometry of the natural root to be maintained with better
stress distribution and primary stability [20]. The research results reveal that many
materials have CT numbers very near to human tissues, while further work and
process improvements are necessary to obtain homogenous internal structures. In
order to reduce the risk of a mal‐aligned component and notching with subsequent
femoral neck fracture, a computer navigation system for setting the femoral com-
ponent stem shaft angle during hip resurfacing surgery can be adopted. Using this
imageless method, the surgeons identified anatomical landmarks on the shaft, and
the computer created a PSM for setting the shaft angle. In advanced clinics, the
surgeons are able to accurately and consistently place the femoral component at the
planned target angle using the computer navigation system. The system was vali-
dated using a relatively high number of human patients undergoing hip resurfacing
surgery [21]. Finally, Pahr and Zysset [22] published a study aimed at creating
numerically efficient FE models of femoral and vertebral bone. The authors detail a
modelling technique that includes a new self-correcting cortical shell thickness
evaluation algorithm for generating bone iso‐surface meshes. The importance of
developing reliable softwares for the AM process was also emphasized, as signif-
icant inaccuracies and differences in patient skull data caused by DICOM to STL
conversion for additively manufactured medical skull models were observed.
However, improved processing techniques undertaken along with manufacturing
can be employed to solve this problem. An alternative method for manufacturing a
customized implant could involve obtaining a plurality of medical images of the
injury site, converting the images into 3D data. This can be followed by designing a
customized mould for the defect area and fabricating a customized implant from a
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biocompatible plate using the customized mould via an additive manufacturing
technique. The above discussion therefore emphasizes the need to adopt an
appropriate manufacturing strategy while developing patient—specific implants.

References

1. David J. Apple and John Sims. Harold Ridley and the invention of the intraocular lens. Surv
Ophthalmol. 1996;40(4):279–92.

2. Hench Larry L. The story of bioglass®. J Mater Sci Mater Med. 2006;17(11):967–78.
3. Hench LL. Biomaterials. Science. 1980;208(826).
4. Habal MB. The biologic basis for the clinical application of the silicones: a correlate to their

biocompatibility. Arch Surg. 1984;119(7):843–8.
5. Ratner BD, Hoffman AS, Schoen FJ, Lemons JE. Biomaterials science: an introduction to

materials in medicine. Academic press; 2004.
6. Rohlmann A, Mossner U, Bergmann G, Kölbel R. Finite-element-analysis and experimental

investigation in a femur with hip endoprosthesis. J Biomech. 1983;16:727–42.
7. Fagan M. Material selection in the design of the femoral component of cemented total hip

replacements. Clin Mater. 1986;1:151–67.
8. Huiskes R. A survey of finite element analysis in orthopaedic biomechanics: the first decade.

J Biomech. 1983;16:385–409.
9. Latham B, Goswami T. Effect of geometric parameters in the design of hip implants paper IV.

Mater Des. 2004;25:715–22.
10. Prendergast PJ. Finite element models in tissue mechanics and orthopaedic implant design.

Clin Biomech. 1997;12(6):343–66.
11. Christel P, Meunier A, Leclercq S, Bouquet P, Buttazzoni B. Development of a carbon-carbon

hip prosthesis. J Biomed Mater Res. 1987;21:191–218.
12. Lewis J, Askew MJ, Wixson RL, Kramer GM, Tarr RR. The influence of prosthetic stem

stiffness and of a calcar collar on stresses in the proximal end of the femur with a cemented
femoral component. J Bone Jt Surg (Am). 1984;66A:280–6.

13. Maher SA, Prendergast PJ. Discriminating the loosening behavior of cemented hip prostheses
using measurements of migration and inducible displacements. J Biomech. 2002;35:257–65.

14. Bargar WL. Shape the implant to the patient. A rationale for the use of custom fit cementless
total hip implants. Clin Orthop Relat Res. 1989;249:73–8.

15. Aldinger G, De Pellegrin M, Küsswetter W. The personalized hip prosthesis. Ital J Orthop
Traumatol. 1988;14(4):429–33.

16. Mulier JC, Mulier M, Brady LP, Steenhoudt H, Cauwe Y, Goossens M, Elloy M. A new
system to produce intraoperatively custom femoral prosthesis from measurements taken
during the surgical procedure. Clin Orthop Relat Res. 1989;249:97–112.

17. Robertson DD, Walker PS, Granholm JW, Nelson PC, Weiss PJ, Fishman EK, Magid D.
Design of custom hip stems prostheses using three-dimensional CT modeling. J Comput
Assist Tomogr. 1987;11(5):804–9.

18. Rubin PJ, Leyvraz PF, Aubaniac JM, Argenson JN, Esteve P, de Roguin B. The morphology
of the proximal femur. A three‐dimensional radiographic analysis. 2409, J Bone Jt Surg (Br).
1992;74(1): 28-32.

19. Stuhlberg SD, Stuhlberg BN, Wixson RL. The rationale, design characteristics, and
preliminary results of a primary custom total hip prosthesis. Clin Orthop Relat Res.
1989;249:79–96.

12 1 Introduction



20. Jianyu C, Zhiguang Z, Xianshuai C, Chunyu Z, Gong Z, Zhewu X. Design and manufacture
of customized dental implants by using reverse engineering and selective laser melting
technology. J Prosthet Dent. 2014;112(5):1088–95.

21. Bailey C, Gul R, Falworth M, Zadow S, Oakeshott R. Component alignment in hip
resurfacing using computer navigation. Clin Orthop Relat Res. 2009;467(4):917–22.

22. Pahr DH, Zysset PK. A comparison of enhanced continuum FE with micro-FE models of
human vertebral bodies. J Biomech. 2009;42:455–62.

References 13



Chapter 2
Case Study: Hydroxyapatite–Titanium
Bulk Composites for Bone Tissue
Engineering Applications

2.1 Background: Brittleness of Hydroxyapatite

Healthy bone and joints (e.g. articulating, knee, and hip joints) are necessary for the
structural stability and pain free movements. However, these healthy bones and joints
can get damaged in some unfortunate cases due to accident/diseases and fail to
perform their normal functions. The damaged bones can be replaced or repaired with
allogeneic bones or allografts [1–5]. However, the associated risk of transmission of
life threatening infections with allogeneic bones is significant particularly due to
inferior osteoconductivity as well as poor mechanical properties of the freeze dried
[1–3, 6–13]. In contrast, the designed biomaterials with bone-mimicking properties
can be used as an alternative to the allografts and autografts.

Biomaterials development has a long history. In 1940, Jean and Robert Judet of
Paris performed the replacement arthoplasty to replace the femoral head with
acrylic resin, which opens up the possibility of joint replacement [14]. However,
after an initial success, this implant failed due to its poor mechanical properties as
well as inapt design. More than 10 decades later, when most of the issues related to
joint replacement have been settled down, the interest in new biomaterials remain as
fierce ever. A biomaterial is a synthetic biocompatible material/device that has been
intently designed to persuade a definite activity in the biological system, which can
simulate the desired biological function, without generating a short and/or long term
damage to the nearby or distant tissue as well as without being getting damaged in
this procedure [15–17].

For many biomedical applications, a biomaterial should show the bioactivity,
osteoconductivity, and osteoinductivity. Bioactivity is defined as the property of
implant material to make direct bonding with living bone [18–21]. The bonding is
mediated by an intervening (apatite) layer formation between the implant and the
bone [22]. Osteoconductivity is defined as the ability of implant material that can
serve as a scaffold for new bone formation and therefore, promotes the osteoblast
adhesion, proliferation, and differentiation [23, 24]. Osteoinductivity is the ability
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of a biomaterial to induce the new bone formation, implanted at non bone forming
site, in vivo [25].

It is now well recognized that in case of bone applications the success of an
implant material depends on biocompatibility, osseointegration property,
physical/mechanical properties as well as antibacterial property etc. [26–29]. Metals
have an advantage of good mechanical properties like high fracture toughness and
flexural strength. But the effects such as corrosion as well as wear (results in
leaching of metal ions), and stress shielding results in irritation, inflammation, and
loosening of implants [30, 31]. Additionally, bioinert nature of metal implants result
in weak bonding with host bone, in vivo [32, 33]. Although ceramics based bio-
materials are found suitable for hard tissue applications due to its biocompatibility,
corrosion resistance, and compressive strength properties [34, 35], inherent brit-
tleness of ceramics may result in the early stage failure of implants during load
bearing applications [36]. A classic example of a brittle bioceramic is hydroxya-
patite, which widely researched due to its structural similarity with major inorganic
component of bone composition [36]. In the context of load bearing implants, high
elastic modulus of the implant with respect to neighbouring bone causes stress
shielding, which is responsible for bone resorption near to the implant [37–41].
Therefore, the elastic modulus of an implant ideally needs to be matched with bone,
while efforts are to be made to enhance both fracture toughness and strength.

In the above backdrops, the hydroxyapatite (HA)-based metal or ceramic rein-
forced composites can be used as a potential bulk implant material, where second
phase contributes specifically towards better mechanical properties. The choice of
second phase is limited as it needs to have good mechanical property as well as
biocompatibility. As compared to Al2O3, ZrO2 and stainless steels, titanium (Ti) is
found to be more promising second phase material for orthopedic applications due
to its excellent corrosion resistance property under physiological environment, low
density (4.540 g/cc) as well as lower elastic modulus (*110 GPa) than Co–Cr
alloy (*230 GPa)/stainless steel (*205 GPa) [26, 41] and some data are shown in
Table 2.1. The design of HA–Ti composites underlies the fact that the Ti addition
significantly improves the mechanical properties of the composites without
degrading the cytocompatibility properties [49–51].

Table 2.1 A comparison of physical and mechanical properties of bone with some metallic and
ceramic biomaterials [26, 42–48]

Properties Cortical
bone

Cancellous
bone

HA Ti Al2O3 ZrO2

Young modulus (GPa) 14–20 0.05–0.5 80–110 117 390 205

Compressive strength
(MPa)

170–193 7–10 400–900 250–600 3900 3000

Fracture toughness
(MPa m1/2)

2–12 0.1 0.7–1.2 60 5.2 10

Apparent density (g/cm3) 1.8–2.0 0.1–1.0 3.16 4.54 3.9 6
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HA–Ti composites can be prepared by different sintering routes, such as pres-
sureless sintering, pulse electric current sintering (PECS), spark plasma sintering
(SPS) etc. It is difficult to retain the Ti in the composite by conventional pres-
sureless sintering techniques. For example, Nath et al. conducted a number of
pressureless sintering experiments on the HA–Ti system and reported the extensive
formation of TCP and CaTiO3 in the composites [52]. On the other hand the SPS as
well as PECS techniques with suitably chosen sintering parameters will allow the
sintering of HA–Ti composites with retention of almost all Ti in the sintered
compacts [52–55]. Nakahira et al. developed the HA–Ti composites with Ti content
of 20 and 25 wt%, using PECS technique and compared the results with hot pressed
HA–Ti composites of similar compositions [53]. Extensive study by our group
indicates that it is possible to retain the Ti in the composite after sintering.
However, in limited studies on HA–Ti compositions [52–55], no comprehensive
attempt has been made to understand the influence of Ti content on the mechanical
and biocompatibility property, when both HA and Ti are retained in the sintered
composites.

In developing a bone replacement material, the choice of the second phase
depends on the application as and the desired functionality. For example, BaTiO3,
CaTiO3, Fe3O4, and ZnO or Ag can be added to HA as a second phase to introduce
the piezoelectric, electrical conductivity, magnetic, and bactericidal properties,
respectively [56–60]. However, brittle nature and the load bearing incapability of
the ceramics may limit wider application of such types of ceramic–ceramic com-
posites and some examples includes HA–20HAwhisker, HA–20ZrO2, and HA–
(Al2O3 coated) ZrO2 with fracture toughness of 1.4, 1.5, and 3 MPa m1/2,
respectively [61–63]. Interestingly, a glaring example of HA-based ceramic com-
posite with fracture toughness higher or equal to that of the cortical bone is still
unavailable (see Fig. 2.1). In contrast, the incorporation of metallic reinforcement
as second phase may improve the fracture toughness of the HA-based composites.
However, the sintering reactions between HA and metal phase are of major concern
and can affect the biocompatibility properties in vitro and in vivo. Although
stainless steel and Co–Cr alloys are competitively better than ceramics counterpart
in terms of fracture toughness, the high elastic modulus of metals however may lead
to stress shielding during in vivo performance [29]. In contrast, Ti was found to be
most suitable for biomedical applications due to excellent biocompatibility, cor-
rosion resistance property and stability in physiological conditions [64]. Thus, in
order to incorporate both load bearing capability without fracture under peak
loading as well as osseointegration property, the HA–Ti composites can be used as
a bulk biomaterials. Over the various composites (HA–BaTiO3, HA–CaTiO3, HA–
Al2O3, HA–ZrO2, HA–ZnO, HA–Ag), the selection of HA–Ti composites as a
model system in the present chapter can be justified on the basis of following
aspects: (a) low density of HA (3.16 g/cc) [65] and Ti (4.54 g/cc); (b) high fracture
toughness of metallic Ti (60 MPa m1/2) [26]; (c) bioactivity of HA and
bio-inertness of Ti; (d) corrosion resistant properties of Ti; (e) limited dissolution of
HA under physiological condition [66].
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2.2 Processing of HA–Ti Composites

HA–Ti composites can be prepared either by conventional pressureless sintering or
advanced sintering, such as spark plasma sintering (SPS). SPS has the advantage of
higher heating rate and shorter soaking time over conventional sintering. The
advanced sintering techniques have many other advantages as compared to the
conventional sintering.

Traditionally, HA–Ti composites were prepared by the homogeneous mixing of
the HA and Ti powders using a ball-mill, followed by green compaction and then
pressureless sintering at relatively higher temperature (≥1100 °C) and soaking time
(≥1 h) [52]. Recently, the FAST (field assisted sintering technique) has been utilized
to prepare dense compact from powder mixture within a short time [53, 67, 68].

2.2.1 Conventional Sintering

In this subsection, the literature reports on conventional sintering of HA–Ti are
briefly discussed. Fahami et al. [69] used CaHPO4, CaO, and Ti powders as pre-
cursors to prepare the HA–Ti composites by the mechanochemical synthesis of
mixture of HA and Ti according to the following reaction:

Fig. 2.1 Representative bright field TEM micrographs (a, b) of HA–20Ti composite, showing the
different phases, formed during sintering. SAD patterns confirm the presence of β-Ti (c), HA (d),
β-TCP (e), and CaTi4(PO4)6 grains (f) [67]
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6CaHPO4 þ 4CaOþTi ! Ca10ðPO4Þ6ðOHÞ2 þTiþ 2H2O ð2:1Þ

It is important to note that the lower crystallinity of the HA powder results in the
increased bioresorption and solubility under physiological conditions
[70]. Therefore, further attempt has been made by Fahami et al. [69] to increase the
crystallinity from 13 to 69 % by annealing the ball-milled powder at 650 °C for
2 h, synthesized after reaction (2.1). However, this results in the oxidation of Ti and
decomposition of HA to β-TCP (beta-tri-calcium phosphate) phase. In a different
approach, Chu et al. [71] prepared the HA–20 wt% Ti composite by mixing HA
and Ti powders in a ball mill, followed by hot pressing at 900 and 1000 °C.
Importantly, the sintering at 1000 °C leads to the formation of α-TCP and Ca4O
(PO4)2 phases. The difference in the linear thermal expansion coefficient (α) of HA
(17.3 × 10−6 °C−1) [72] and Ti (8.4 × 10−6 °C−1) [73] phases results in inferior
sinterability in case of HA–20 wt% Ti composite with *67 % relative density,
achieved when sintered at 1200 °C [71]. However, the same sintering conditions
result in *88 % relative density in monolithic HA. Importantly, the addition of Ti
to HA leads to an increase in fracture toughness from 0.7 to 1.0 MPa m1/2.
Although Ti addition to HA was intended to increase the fracture toughness sig-
nificantly, the marginal improvement in the fracture toughness can be attributed to
poor sinter density of the composite. In an earlier work, Nath et al. [52] prepared the
HA–Ti composites with varying amount of Ti (10–40 wt%) using pressureless
sintering. It has been reported that the sintering of different compositions at 1000–
1400 °C for 2 h leads to the extensive sintering reactions and therefore the for-
mation of TiO2, CaO, TCP and CaTiO3 (Table 2.2). The thermodynamic calcu-
lations show the higher probability of oxidation of Ti during conventional sintering
due to higher sintering temperature and longer holding time [52]. Such calculations
also indicate the possibility of reaction between HA and TiO2 above 750 °C.

Considering the thermodynamical aspect, Yang et al. [55] prepared the HA–
10 wt% Ti and HA–20 wt% Ti composities by sintering at 1100 °C in vacuum to
minimize the oxidation of Ti. The FT-IR and XRD analysis of the HA–Ti samples
show the decomposition of HA to α-TCP, TTCP (tetracalcium phosphate) as well as
Ca2Ti2O5. As the sintering temperature further increases, HA is reported to
decompose to HA with deficiency of hydroxyl group in following way [74, 75]:

Ca10ðPO4Þ6ðOHÞ2 ����������!vacuum; T[ 800 �C
Ca10ðPO4Þ6ðOHÞ2�2xOx þ xH2O " ð2:2Þ

The water vapor produced from reaction (2.2) reacts with Ti to form TiO2 [see
Eq. (2.3)], which can finally react with HA to form β-TCP and CaTi2O5 [see
Eq. (2.3)].

Tiþ 2H2O�!TiO2 þ 2H2 ð2:3Þ

Ca10ðPO4Þ6ðOHÞ2 þ 2TiO2 �! 3Ca3ðPO4Þ2 þCaTi2O5 þH2O ð2:4Þ
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Therefore, it is not impossible but extremely difficult to retain Ti in the sintered
product using conventional sintering routes. The phase stability aspect in summa-
rized in Table 2.2.

The sintering under a protective atmosphere (e.g. argon) is another promising
approach towards retaining the metallic Ti in the sintered product. In order to see
the effect of protective environment on the sintering reaction in the HA–Ti com-
posites, Ning et al. [76] conventionally sintered the HA–50Ti composite at 1200 °C
for 30 min in argon atmosphere. However, the sintering leads to the formation of
Ti2O, CaTiO3, CaO and TiP-like phases along with α-Ti.

In summary, conventional sintering of HA–Ti composites even at very low
temperature of 1000 °C leads to the extensive dehydroxylation of HA as well as
reaction between HA and Ti. The formation of TCP phases will result in higher
dissolution of the implant materials and therefore, decreased mechanical strength
during service period, in vivo. As mentioned earlier, it is extremely difficult to retain
the metallic Ti in the composite during the conventional sintering. The sintering in
protective atmosphere of Ar was not found to be helpful in retarding the oxidation
reactions in conventional sintering due to the longer sintering duration (≥1 h) and

Table 2.2 XRD results, showing the effect of sintering parameters (pressure, sintering
temperature, and soaking time) on the sintering reaction of HA–Ti composites [52, 53, 67]

Conventional sintering (soaking time ≥1 h) Advanced sintering (soaking
time ≥5 min)

Pressureless sintering in air at temperature Pulse electric
current sintering
in argon

Spark
plasma
sintering in
argon

1000 °C 1200 °
C

1300 °C 1400 °C 900 °
C

1000 °
C

950 °C

HA HA HA HA HA,
β-TCP,
α-TCP,
CaO

– – HA

HA–
10Ti

HA,
β-TCP,
α-TCP,
CaO,
TiO2,
CaTiO3

HA,
β-TCP,
CaO,
TiO2,
CaTiO3

HA,
β-TCP,
α-TCP,
CaO,
TiO2,
CaTiO3

HA,
β-TCP,
α-TCP,
CaO,
TiO2,
CaTiO3

– – HA, Ti,
TiO2, Ti2O,
β-TCP,
CaO,
CaTi4(PO4)6

HA–
20Ti

HA,
CaO,
TiO2,
CaTiO3

HA,
β-TCP,
CaO,
TiO2,
CaTiO3

HA,
β-TCP,
CaO,
TiO2,
CaTiO3

β-TCP,
CaO,
TiO2,
CaTiO3

HA,
Ti3O

HA,
Ti3O,
Ti2O

HA, Ti,
TiO2, Ti2O,
β-TCP,
CaO,
CaTi4(PO4)6
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higher holding temperature (≥1000 °C). In the following, we shall discuss the
applicability of advanced sintering techniques (e.g. SPS) to prepare the composites
with predominant retention of metallic Ti.

2.2.2 Advanced Sintering

Among various advanced sintering techniques, field activated sintering (FAST) is
widely investigated to resolve the issues related to the conventional sintering,
discussed earlier. For example, Nakahira et al. [53] reported the pulse electric
current sintering (PECS) of HA–20 vol.% Ti and HA–25 vol.% Ti composites at
800 and 1000 °C under 30 MPa in a protective argon atmosphere. Although PECS
suppresses the oxidation of Ti at 900 °C, the formation of Ti2O was found in
samples sintered at 1000 °C. Mondal et al. [77] used the spark plasma sintering
technique to sinter β-TCP and Ti powders at 1200 °C temperature under 50 MPa
pressure. Despite the retention of β-TCP and Ti, this results in the formation of
CaTiO3.

In a recent work, the author’s research group has reported the results of extensive
study on spark plasma sintering and phase evolution of HA–xTi (x = 5, 10, 20 wt%)
composites [67]. The processing conditions were intelligently tailored to achieve high
toughness with minimum sintering reaction between the HA and Ti. The XRD
analysis confirms the predominant presence of HA and Ti.

In order to observe the finer scale microstructure of the sintered HA and HA–Ti
samples as well as to identify the reaction product at HA/Ti interface, transmission
electron microscope (TEM, FEI, UTWIN T-20) with an accelerating voltage of
200 kV was used. Figure 2.1a shows the representative bright filed TEM micro-
graph of HA–20Ti composite, revealing the presence of different phases. The
presence of these phases has also been confirmed at different locations in the same
sample. Figure 2.1b represents the bright field micrograph of such a location. The
detailed analysis of the selected area diffraction pattern (Fig. 2.1c–f) indicate the
presence of β-Ti, HA, β-TCP, as well as the formation of CaTi4(PO4)6 phase at the
interface between HA and Ti. It is to be noted that β-TCP is a phase formed by the
dehydroxylation of HA.

Overall, the critical analysis of SAD patterns reveals the formation of
CaTi4(PO4)6 as grain boundary phase, which is likely to be formed either due to
limited sintering reaction between β-TCP and TiO2 or between HA and TiO2. The
presence of β-Ti also indicates the suppression of β → α transformation of Ti phase
during cooling through 882 °C (transformation temperature), perhaps due to faster
cooling.

We shall now discuss the formation and morphology of finer scale sintering
reaction product. It has been reported that dehydroxylation of HA does not occur at
a sintering temperature below 1300 °C [52, 62]. In the presence of Ti and
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Ti-oxides, HA starts to dissociate at a much lower temperature [55]. The detailed
microstructural investigations of HA–Ti composites using TEM indicates the
possibility of formation of reaction product between HA and Ti during sintering.
Based on extensive TEM-SADP analysis, it has conclusively been shown that the
reaction product to be CaTi4(PO4)6, which is deemed to be the result of following
reactions:

Ca10ðPO4Þ6ðOHÞ2 �! 3Ca3ðPO4Þ2 þCaOþH2O " ð2:5Þ

3Ca3ðPO4Þ2 þ 4TiO2 �!CaTi4ðPO4Þ6 þ 8CaO ð2:6Þ

Ca10ðPO4Þ6ðOHÞ2 þ 4TiO2 �!CaTi4ðPO4Þ6 þ 9CaOþH2O " ð2:7Þ

The reaction (2.10) is known as dehydroxylation of HA and leads to the for-
mation of β-TCP. The reaction product CaTi4(PO4)6 can form due to reaction (2.6)
and/or (2.7). In view of the lack of data on Gibbs free energy of formation of related
phases, any analysis on the thermodynamic feasibility of reaction (2.10–2.12) could
not be made. Although TEM investigation does not reveal the presence of CaO
phase, detailed analysis of XRD data shows the peaks corresponding to CaO to a
detectable extent. Also, Ti2O or TiO2 could not be detected during TEM analysis of
any of the HA–xTi samples.

2.3 Mechanical Properties

In the following, the mechanical properties of HA and HA–Ti composites are
analysed. The hardness values shows a decreasing trend with addition of Ti to HA
(HA ≈ 7.1 ± 0.5 GPa, HA–10Ti ≈ 6.1 ± 0.6 GPa). One can measure the plastic
work of indentation by measuring the area under P–h curve (= area under loading
curve − area under unloading curve) [78]. Such measurements indicate that the
plastic work of indentation is higher than elastic work of indentation for both HA
and HA–10Ti.

The elastic moduli, measured using nanoindentation are 94 ± 1.8 GPa for HA and
80.6 ± 0.9 GPa for HA–10Ti composite. The elastic modulus has also beenmeasured
using impulse excitation method. The measured values show a similar trend of the
decrease of elastic modulus with Ti addition. The measured elastic moduli for different
materials are as follows, HA = 61.4 ± 1.4 GPa, HA–5Ti = 58.1 ± 0.2 GPa, HA–
10Ti = 54.4 ± 0.3 GPa and HA–20Ti = 50.2 ± 0.8 GPa [79]. Since the resonance
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frequencymethodmeasures the elastic stiffness properties of a bulk sample, such results
are more realistic and representative of the true modulus, rather than the nanoinden-
tation results. The latter is based on the estimation from the slope of unloading response
from an indented region of length scale of less than 1 µm.

In further characterization of mechanical properties, the flexural strength of the
sintered composites has been measured using 3-point flexural test with 12 mm
gauge length. The flexural strength systematically increases with increase in
Ti-content in the composite. The flexural strength of pure HA is 70.7 ± 2.3 MPa.
However, the maximum measured value of the flexural strength is measured as
99.7 ± 1.2 MPa in case of HA–20Ti composite. Therefore, the addition of Ti up to
20 wt% leads to about 41 % increase in the flexural strength. This shows a marked
improvement in the flexural strength in HA–Ti biocomposite. It is to be noted here
that the flexural strength of cortical bone is 150–170 MPa [80].

The fracture toughness of the sintered products have been measured using
SEVNB test in 4-point flexural mode and a test sample is shown in Fig. 2.2b. As
mentioned earlier, this technique is proved to be more acceptable than the inden-
tation fracture toughness measurement technique in terms of providing reliable
estimate of long crack fracture toughness. The SEVNB toughness results are plotted
in Fig. 2.8a against amount of Ti addition to HA. For pure HA, the measured KIC

value is found to be 3.4 ± 0.2 MPa m1/2. As compared to the monolithic HA, HA–
10Ti exhibits about 35 % increase in the KIC value (4.7 ± 0.1 MPa m1/2).
However, the addition of 5 wt% Ti does not show any significant improvement. On
the other hand, 20 wt% Ti addition leads to about 26 % increase in KIC value as
compared to that of monolithic HA. KIC value decreases in case of HA–20Ti
sample as compared to HA–10Ti. Therefore, 10 wt% Ti has been found to be
optimum Ti addition to HA to achieve substantial improvement in fracture
toughness (see Fig. 2.2a). It is to be noted that the fracture toughness of the cortical
bone is reported be in the range of 2–12 MPa m1/258. Therefore, the present
measurements are higher than the lower limit of fracture toughness of the cortical
bone.

In order to investigate the statistical significance in terms of the property dif-
ference among the samples were used and results are summarized in Figs. 2.2, 2.3,
and 2.4. Figure 2.8 shows the effect of Ti addition to HA on enhancement in
fracture toughness (KIC) and work of fracture (GIC). Dunnett’s t test shows the
significant difference, when HA was compared with HA–10Ti and HA–20Ti
samples for both KIC and GIC. However, no significant difference between HA and
HA–5Ti samples was noted. Dunnett’s C test found the significant difference
between HA and HA–10Ti as well as between HA–5Ti and HA–10Ti in terms of
both KIC and GIC.
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Summarizing, the mechanical properties (hardness, flexural strength and fracture
toughness) of spark plasma sintered HA–Ti composites show substantial improve-
ment as compared to the properties obtained with earlier developed HA-based
composites (see Fig. 2.1). Figure 2.4 compares the fracture toughness results of
present investigation with other HA-based composites. We can analyse the results in
terms of four categories: I (HA-0x), II (HA-5x), III (HA-10x), and IV (HA-20x),
where x is the amount of the second phase. In all categories, Dunnett’s t test (2 side)
shows the significant difference, when KIC from the present work is compared with
earlier reported results. Also, various symbols, like *, **, #, ## indicate the
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Fig. 2.2 Variation in fracture toughness (a) and work of fracture with wt% Ti in HA (b). Typical
profile of V notch in one of the SEVNB test sample, as seen using SEM (c). Data in a and b has
been represented as mean ± standard error. Dunnett’s t (2 side) were used to compare the HA with
HA–Ti samples (marked with *); while Dunnett’s C test used to know the significant difference
among all samples (marked with #). Statistical analysis shows the significant difference at 0.05
level for n = 5 [67]
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significant difference at 0.05 level. In the following section, the reason for such an
increase by correlating the microstructure of the composite processed by novel SPS
technique will be discussed with an effort to establish microstructure-property
correlation.
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2.4 Toughening Mechanisms and Toughness Properties

Fracture in brittle solids can be correlated with propagation of crack under tensile
loading. Importantly, the crack propagates if and only if the stress at crack front is
higher than a critical value. In brittle solids, the resistance against the crack
propagation can be increased by introducing the mechanisms that reduce the driving
force for the crack propagation by dissipating the additional energy associated with
crack tip and therefore leads to the blunting of crack tip [81]. In polycrystalline
ceramic materials, the microstructure dependent fracture toughness can be corre-
lated with the dissipation of the crack tip energy and thereby with the reduction in
the driving force for the crack propagation [82]. It is generally recognized that weak
interfaces, such as grain boundaries and/or matrix-reinforcement boundary are the
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ison, plot has been divided into four categories: HA-0x, HA-5x, HA-10x, and HA-20x, where x is
the wt% of second phase. HA (w) indicates the use of HA whisker reinforcement and HA–10ZrO2

(a) indicates the Al2O3 coated ZrO2 particles as second phase. ZrO2 (f) and ZrO2 (c) stands for fine
grained and coarse grained ZrO2 particles. The toughness values measured with SEVNB are
mentioned and otherwise, those are estimated on the basis of indentation cracking. References
related to the respective work are mentioned on individual bar and otherwise, results are from
present work. The symbols *, **, #, and ## show the significant difference (measured by Dunnett’s
t (2 side) test) between reference sample (from present investigation) and other samples in each
category [67]
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preferred crack deflection paths. Moreover, the presence of second phase disturbs
the crack propagation by forcing the crack either to go around it or through it. The
extent, to which such phenomenon is able to dissipate the energy, depends on the
morphology/distribution and mechanical properties of the second phase in ceramic
matrix composite [83].

Although the presence of second phase may improve the fracture toughness of
composites, the chemical reaction at the interface during processing (e.g. sintering)
always offers the challenge for the materials scientists to optimize the toughness.
On the basis of microstructural characteristics of the second phase; i.e., nature,
shape and size, the toughened composite materials can be categorized as [84]:
(a) particulate reinforced composite, (b) whisker reinforced composite, and (c) fiber
reinforced composite. In the context of the current review paper, the toughening in
metallic particulate reinforced ceramic composites is attributed to the shielding
effect to the crack front propagation due to ductile metal reinforcements. In such
case, the crack resistance energy of the matrix can be given by [82],

Ro ¼ ð1� Vf Þ2cB ð2:8Þ

where, cB is the intrinsic cohesive energy of the matrix material and Vf is the
volume fraction of second (reinforcement) phase. Thus, both the matrix as well as
the reinforcement material contributes towards the fracture toughness. Therefore,
enhanced fracture toughness can be achieved by intelligently designing the com-
posites having mixed shielding mechanisms.

In case of the polycrystalline monolithic ceramic materials, the frontal zone
shielding results due to the interaction of the crack front with dislocation cloud
and/or microcrack cloud. The activation of the dislocations results in generation of
dislocation cloud and this restricts the crack front propagation by applying a stress
field on the crack tip [82]. The stress field generated around the dislocation is
proportional to the shear modulus (G) and can be given as [85],

r / Gb
r

ð2:9Þ

where, G, b, and r are the shear modulus of the material, Burger vector, and distance
from the dislocation, respectively. On the other hand, the microcrack cloud can be
activated at the stress field of primary cracks at the relatively weaker zone like,
grain boundaries and interphase flaws.

Unlike the combination of dislocation as well as microcrack clouds towards the
improvement in fracture toughness in brittle ceramics, the phase transformation in
zirconia (ZrO2) can also contribute to the fracture toughness improvement in ZrO2

reinforced ceramic matrix [82]. In such case, the partially stabilized ZrO2 in
metastable tetragonal state transforms to stable monoclinic phase at the crack tip
stress field [81]. This transformation can be controlled by using additives like,
MgO, CaO, Y2O3 and CeO2 [81]. In addition, the grain bridging of crack in
monolithic polycrystalline materials results in the toughness improvement due to
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the dissipation of crack energy as a result of grain sliding and/or fracture. For
example, Swanson et al. [86] reported the evolution of grain bridging in pure
polycrystalline alumina. In such case, the transgranular fracture may occur in large
grains along with primary crack due to high frictional stresses at sliding grain
boundary surfaces.

In 1983, Faber and Evans studied the effect of geometrical aspect of second
phase on the crack deflection and therefore, effect on fracture toughness [87, 88].
The strength of the interfacial boundary plays an important role in deciding whether
a crack will pass though second phase or get deflected. In a case when interface is
strong enough to deflect the crack, it penetrates through the second phase. This may
result in pinning the advancing crack front at the interaction site. In case of ductile
metal phase, this results in dissipation of crack tip energy due to crack bridging.

In the context of biomaterials, the benefits of second phase addition to a ceramic
matrix are twofold: (1) second phase improves the fracture toughness dramatically
due to frontal wake and/or bridge interface shielding [67] and (2) second phase
leads to the modification in surface energy [89], which can used as a tool to
manipulate the cell-material interaction.

Although the reinforcement of ceramic matrix with fiber or whisker results in
improvement in fracture toughness, the release of nanosized and needle shaped
whisker/fibrous can lead to the severe toxicity to the cells caused by lipid layer
damage and genotoxicity [90, 91]. Therefore, the fiber/whisker toughened ceramic
composites are not considered for clinical applications, although related toughening
mechanisms can be very well adapted to develop HA-based high toughness com-
posites. In parallel, the reinforcement of ceramic matrix with ductile metal particles
results in dramatic improvement in mechanical properties due to additional
advantage of both ceramic matrix and metal particles. The crack bridging at metal
particles results in dissipation of energy associated with crack tip [67, 82]. The
fracture energies of pulsed electric current sintered (PECSed) HA–Ti composites,
measured by Nakahira et al. [53] using single edge double notched beam method,
show a substantial increment with the Ti content. The fracture energies of 9 and
20 J/m2 were reported for HA–20 vol.% Ti and HA–25 vol.% Ti samples,
respectively. The reason for the improvement in fracture toughness was crack
deflection and crack bridging by Ti particles, which are retained in the HA matrix.

Similarly, the significant improvement in the fracture toughness of the spark
plasma sintered HA–Ti composites was measured by the present authors (see
Fig. 2.8) [67]. An addition of 10 wt% Ti to HA increases the fracture toughness
(KIC) from *3.4 to 4.7 MPa m1/2. Further addition of Ti (20 wt%) to HA does not
improve the fracture toughness (4.3 MPa m1/2). The increased fracture toughness of
HA and HA–Ti composites can be explained on the basis of crack deflection and
crack bridging. In the context of toughness enhancement, the synergetic interaction
of multiple toughening mechanisms can be explored. The presence of Ti particles
provides the significant contribution toward the fracture toughness by crack
bridging. Fracture toughness can also be further enhanced with the addition of ZrO2

particles. The transformation toughening due to ZrO2 phase along with crack
bridging due to Ti phase can therefore provide the synergetic effect in order to
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improve the fracture toughness beyond the 4.7 MPa m1/2 (fracture toughness of
HA–10 wt% Ti composite). Also, the linear thermal expansion coefficient of ZrO2

(10.5 × 10−6 °C−1) is found to be in between HA (17.3 × 10−6 °C−1) and Ti
(8.4 × 10−6 °C−1). This helps in minimizing the difference in thermal expansion
coefficient between HA and Ti and therefore, does not lead to the interfacial
debonding in sintered composites.

Several aspects can be discussed to explain the significant increase in the fracture
toughness of the HA–Ti composites. It is worthwhile to mention that the reliable
measure of toughness properties of HA–Ti has been obtained only using long crack
toughness measurement techniques, like SEVNB etc. The most important aspect is
that the crack bridging due to lath shaped Ti phase as well as crack wake debonding
at HA and Ti interface are responsible for the fracture toughness enhancement
(*4.7 MPa m1/2) in HA–10 wt% Ti. However, no further improvement in fracture
toughness of HA–20Ti composites was noted due to non-uniform distribution as
well as lower volume fraction of Ti, resulted due to unification of Ti during
ball-milling. This can be confirmed using theoretical models proposed by Ashby
[92] as well as Evans [93]. The detailed analysis of fracture toughness of particulate
(Ti) reinforced ceramic (HA) has been reported elsewhere [67].

According to these models, the particle size and the distribution of the metallic
phase near the crack tip (which is directly proportional to the volume fraction of
metal phase in the HA matrix) has a strong influence on the fracture toughness . The
details are reported elsewhere [92, 93]. Although the shape of metal particles has an
effect on fracture toughness, the average number of particles near the crack tip is the
deciding factor in the ceramic-metal (e.g. HA–Ti) composites (see Fig. 2.3). The
unification of Ti in HA–20Ti composite results in the reduction in volume fraction
Ti in HA matrix and therefore reduces the distribution of Ti particles near the crack
tip. Therefore, fracture toughness of HA–20 wt% Ti is found to be lower than HA–
10 wt% Ti composite.

In future, cryo-milling of the HA–Ti composition may be found as a good
alternative to conventional ball-milling in this particular case. The cryo-milling is
expected to produce well distributed Ti particles in the starting powder mixture.
This will allow well dispersed Ti in HA–Ti composites with concentration of Ti
more than 20 wt% causing further improvement in fracture toughness. It may be
possible to reduce the initial particle size considerably by cryo-milling. This will
lead to the HA–Ti composites with even higher fracture toughness. Therefore,
designing the composites with different shape and size of Ti particles may be useful
in improving the fracture toughness.

The increased Ti particle distribution by restricting the unification of Ti during
ball-milling may provide an opportunity to further increase the fracture toughness.
Therefore, cryo-milling can be used in place of conventional high energy
ball-milling to restrict the extensive deformation and therefore, unification of Ti
particles. The uniform dispersion of metallic reinforcement would also increase the
strength properties. In future, cryo-milling parameters need to be optimized and
similar SPS experiments can be performed to prove this point.
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In last two decades, the fractal modeling approach has been used to a modest
extent to predict the fracture toughness of the ceramic composites [94, 95]. Xu and
co-workers successfully used the Mandelbrot’s modified fractal model to calculate
the fracture toughness (KIC) of alumina with equiaxed grains as well as reinforced
with elongated grains [96]. According to this model, the microscopic (characterized
by irregular crack propagation path) fracture toughness can be given as,

KIC ¼ ð2EcsÞ1=2ð1rÞ
ðdf Þ=2 ð2:10Þ

where, E is the elastic modulus in tension; γs is the interfacial energy equals to (Ebo/
π2), where, E and bo are the elastic modulus and atomic dimension, respectively
[82]. In Eq. 2.8, df is the fractal dimension, which defined as,

df ¼ logðNÞ
log 1

r

� � ð2:11Þ

where, r is the ratio that describe the segments generated in self-similar object.
A self-similar object (fractal curve) can be broken into arbitrary small elements with
each small element being a replica of the entire object; N is calculated from fractal
curve and equal to the number of patterns generated for a ratio ‘r’ [97, 98].

Recently, Rishabh et al. [99] have also used the Mandelbrot’s modified model to
estimate the fracture toughness of monolithic alumina with equiaxed grains. They
also calculated the fracture toughness of alumina reinforced with elongated alumina
grains as well as with single wall carbon nanotubes. It has been found that the
Mandelbrot’s modified model can be used to estimate the fracture toughness of
ceramic composites instead of using Vickers indentation method. The fractal
modeling approach in case of bioceramics is not being extensively utilized to
predict the toughness properties and this is one area, which requires attention in
future.

In fact, the fracture toughness of monolithic HA (3.4 ± 0.2 MPa m1/2) and HA–
10Ti (4.7 ± 0.1 MPa m1/2) composite reflect on significant improvement compared
to earlier literature reports (see Fig. 2.4). In the present case, KIC values are mea-
sured by SEVNB method and the toughness values are reproducibly measured on
multiple samples.

In Fig. 2.4, the fracture toughness values for HA based biocomposites with
20 % of less reinforcement content are compared with presently investigated
materials. Such a comparison would be more effective if we look at the toughness
data measured at a constant reinforcement content (e.g. 5, 10, 20 %). Another point
to be noted is that indentation cracking method has largely been used to measure the
toughness of HA based composites with the exception of the present work and the
study by Zhang and co-workers [100]. In view of the dependence of toughness on
volume fraction of reinforcement, we only compared our results with the toughness
data for those with systematic variation in reinforcement content (≤20 %).
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As far as monolithic HA is concerned, the present work demonstrates at least
three to four times higher toughness than earlier reported values. In case of HA
reinforced with 5 and 20 % toughening phases, the present study once again
confirms the superiority of spark plasma sintered HA–Ti in terms of exhibiting
three to four times higher toughness compared to HA with similar reinforcement
content. While similar trend is also observed in case of HA with 10 % reinforce-
ment content, the study by Kong et al. [61] demonstrates that HA, when reinforced
with Al2O3-coated ZrO2 (10 %) can exhibit 70 % of the toughness, that we have
achieved with the currently developed HA–10 % Ti. Interestingly, the qualitative
trend of the toughness increase through a maxima at 10 % reinforcement addition is
observed in case of both Ti and ZrO2 (see Fig. 2.1). A drop in toughness value in
both the cases with the addition of larger than 20 % reinforcement therefore
rationalizes our effort of not to develop HA composites with 30 % Ti or larger. In
the following, high toughness property will now be critically analyzed in the light
of the available crack bridging model due to the presence of Ti, as any toughness
increment in ceramic composite containing metallic particles must be due to the
bridging of crack faces because of the yielding of ductile metallic phase (Ti in the
present case) as well as crack deflection.

First of all, the spark plasma sintered monolithic HA exhibits KIC ≈ 3.4 ±

0.2 MPa m1/2, which is 3 times higher than the reported values in the literature [62,
63, 100–102]. Such an increase in KIC for HA can be related to unique
microstructure developed. It is important to mention that the microstructure of HA
is characterized by a mixture of submicron equiaxed grains and elongated grains
with an average width 1 µm (see Fig. 2.6a). While the major fraction of the grains
are equiaxed, a significant fraction is rod shaped grains with aspect ratio of 5 or
larger. It is to be noted here that the initial HA particles are of rod shape in nature.
This allows the orientation and stacking of HA particles in such a way that results in
the increase in the relative intensity corresponding to the (300) plane as compared
to the (211) plane. Chaudhry et al. also reported this kind of features in spark
plasma sintered nanograined monolithic HA [103].

In order to understand the interaction of a crack path with microstructure, rep-
resentative SEM images of indented regions on monolithic HA and HA–10Ti
composite are shown in Fig. 2.5. Mostly, the montage images are shown to illus-
trate the crack path over a wider microstructural region. In Fig. 2.5a, the crack
emanating from a Vickers indent, taken at 500 gm indent load, is shown and a
wavy nature of crack path is visible, as marked by a series of white arrows. Clearly,
the crack goes along the grain boundary or deflected/bridged by elongated grains on
its path of propagation.

Now, it is worthy to study the effect of Ti addition along with the effect of
reaction products (formed at the HA/Ti interface) on the interface debonding as well
as mechanical properties. The BSE-SEM images confirm the homogenous distri-
bution of Ti phase in HA matrix (see Fig. 2.5). However, the lath-like Ti phase at
higher Ti content results in higher contact area at HA/Ti interface as compared to
spherical shaped Ti particles. The observation of irregular or agglomerate like Ti
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Fig. 2.5 Representative secondary electron SEM micrographs of chemically etched HA (a),
showing the indent (500 g load) region and crack path (marked with white arrow). b and
c represent the back scattered electron SEM images of HA–10Ti, showing the indent (at 1000 g
load) region and crack path. The crack bridging (marked on ‘b’ and ‘c’) by lath shaped/elongated
Ti particles and crack wake debonding (marked on ‘c’) is visible. The crack wake debonding at
HA/Ti interface with spherical and lath shaped particles is clearly visible and marked with white
arrow on ‘d’ and ‘e’, respectively [67]
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(bright contrast) in Fig. 2.5b–e indicate either extensive deformation or unification
of finer Ti particles during SPS.

BSE-SEM images, shown in Fig. 2.5b, c, provide evidences for passage of crack
through Ti-agglomerates as well as crack bridging around lath-shaped Ti phase.
Interestingly, these toughening microstructural elements, i.e. Ti phase have an
interesting/useful shape with width of 5–10 µm and aspect ratio of 10 or larger. It is
worthwhile to mention that such shape of Ti phase is akin to elongated grains in
Si3N4-based materials or short whiskers, both of which impart useful toughness.
A closer inspection of the inset image of Fig. 2.5b reveals the crack, while going
through Ti phase, is being bridged on its original path with apparent decrease in
crack face width. In contrast, another crack causes debonding at HA/Ti interface
and bridges the crack on the interface (Fig. 2.5c). Significant debond length of over
10 µm could be noticed. More evidences for crack wake debonding at the
matrix/particulate interfaces with spherical or lath shaped Ti phase are provided
respectively in Fig. 2.5d, e. The crack wake debonding can perhaps be attributed to
the presence of Ti and/or CaTi4(PO4)6 phase and the presence of CaTi4(PO4)6 was
earlier confirmed earlier using TEM analysis. From the above, it can be conclu-
sively stated that both crack deflection and crack bridging contribute towards the
toughness enhancement in HA–Ti composites. It can be mentioned that such crack
bridging/deflection has also been reported in several ceramic-matrix composites
reinforced with whiskers/fibers as well as in case of Ag-reinforced HA [100, 104].

2.5 Correlation with Existing Theoretical Models

In this sub-section, an attempt is being made to correlate the experimentally mea-
sured toughness properties with the theoretical model predictions. A theoretical
model proposed by Becher et al. [105] was used to estimate the fracture toughness
in the present case. It can be noted that Becher’s model can successfully explain the
toughness of Si3N4-based ceramics with large anisotropic tabular/elongated grains.
In such case, fracture toughness can be correlated with microstructure using the
following equations [105],

K ¼ C
X
i

ViWiðARiÞ2
 !1=2

ð2:12Þ

where, V, W and AR represents to the volume fraction of elongated grains, width of
elongated grain and aspect ratio of elongated grains, respectively and the suffix
denotes the ith types of elongated grains.
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In the above equation,

C ¼ Es
6 1� m2ð Þ
� �1=2

ð2:13Þ

where, E (94 GPa), τ (≈15 MPa) [106] and ν (≈0.3) [107] are the elastic modulus,
interfacial shear stress and Poisson’s ratio of the elongated grains of HA, respec-
tively. Using above equations and microstructural parameter, the fracture toughness
of HA is found to be around *3.2 MPa m1/2, which is very close to the experi-
mentally measured value (*3.4 MPa m1/2). In estimating the fracture toughness
from the above equation, elastic modulus measured by nanoindentation has been
used. This is due to the fact that the indented zone dimension would scale with the
interaction length due to crack bridging by elongated grain in monolithic HA.

In the next step, in order to explain the influence of ductile second phase (here
Ti) in further improvement of fracture toughness, two different models has been
adopted. The first model, proposed by Ashby et al. [92] highlights the effect of
volume fraction (F) and particle size (D) of Ti phase on the fracture toughness of
HA–Ti composites. The second model, proposed by Evans et al. [93], considers the
effect of matrix phase on the fracture toughness of composite. In this model, the
fracture toughness of composite strongly depends upon the particle size (D) and
distance between near neighboring particles (δ).

Adopting Ashby’s model, the increment in the fracture toughness (DKIC) in a
ceramic matrix composite reinforced with ductile metal particles can be given by
the following expression [92],

DKIC ¼ CSFEryD
� �1=2 ð2:14Þ

where, C is a constant which depends upon the interfacial strength; S is the fraction
of particles nearby to the crack tip; F is the volume fraction of the ductile metal
particles which equals to the area fraction on the crack plane; E is the elastic
modulus of the metallic (Ti) particles (103 GPa) [108]; ry is the yield strength of
the metallic Ti particles (325 MPa) [109]; D is the size of the Ti particles. The
values of F and D were estimated using image processing software (ImageJ) from
SEM images captured in BSE mode and some representative images are shown in
Fig. 2.5.

Therefore, DKIC can be considered to be directly proportional to the (SFD)1/2,

DKIC / SFDð Þ1=2 ð2:15aÞ

DKIC ¼ C� SFDð Þ1=2 ð2:15bÞ

where, C* is a constant.
In present case, the volume fraction of Ti in HA–5Ti, HA–10Ti, and HA–20Ti

were 0.095, 0.205, and 0.292, as estimated using ImageJ software. The value of S
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(the fraction of particles nearby the crack tip) is directly related to the volume
fraction of Ti in HA matrix (F). Therefore, S will increase with an increase in F. If
we consider the number fraction of particles near the crack tip in case of HA–5Ti
i.e. S = n, such assumption will lead to, S ≈ 2n and S ≈ 3n for HA–10Ti and HA–
20Ti, respectively.

Based on Eq. (2.16) and above consideration, the increment in fracture tough-
ness varies according to the volume fraction of reinforcement particles and size of

the reinforcement particles. In Fig. 2.3a, DKIC versus ðSFDÞ1=2 for investigated
materials is plotted. The results obtained from theoretical model (Fig. 2.2a) shows
statistically significant difference between HA–5Ti and HA–10Ti as well as HA–
5Ti and HA–20Ti samples, when Dunnett’s t (marked with *) test was applied. The
Dunnett’ C test does not show any significant difference in this case. However, a
significant difference between HA and HA–10Ti as well as between HA–5Ti and
HA–20Ti samples was found, when Dunnett’s t (marked with **) and Dunnett’ C
(marked with ##) test were used for (SFD)1/2. In Fig. 2.2b, the results reveal the
significant difference for both KIC(HA–Ti) − KIC(HA) and (1 + (δ/D))−1/2, when
Dunnett’s t test was applied. However, Dunnett’s C test fails to reveal any sig-
nificant difference in case of KIC(HA–Ti) − KIC(HA) and (1 + (δ/D))−1/2. The strength
of HA/Ti interface may lead to the deviation of DKIC from its linear pattern. The
positive deviation is possibly due to the result of high interfacial strength. In
contrast, the negative deviation may be a result of the weak interface.

In order to validate the obtained results from the Ashby’s model, we have used
another model to estimate the fracture toughness and an attempt has been made to
correlate the result obtained with the experimental values (see Fig. 2.3b). The yield
strength of the ductile metal particle as well as size and interparticle spacing can
also affect the toughness of a ceramic matrix-metal composite, as per the following
equation [93],

KIC ¼ KICm þ f ðu�; ryÞ 1ffiffiffiffiffiffiffiffiffiffiffi
1þ d

D

q ð2:16Þ

where, KIC is the fracture toughness of composite; KICm is the fracture toughness of
ceramic matrix (HA); f ðu�; ryÞ is a constant depends upon the metal (Ti) strain to
failure (u*) and the yield strength of the Ti particles (σy); δ is the particles
near-neighbor distance; D is the size of the Ti particles. In the present case, the
values of δ and D were estimated using an image processing software (ImageJ)
from SEM images captured in BSE mode (see Fig. 2.5).

For a given ceramic matrix and metal reinforcement, the fracture toughness of
composite largely depends on δ and D. For a particular volume fraction of rein-
forcement, the ratio d

D

� �
is independent of particle size and therefore, d

D

� �
values do

not affect the fracture toughness. However, in case of composite with varying
particle size and amount of metal reinforcement, the ratio d

D

� �
is highly significant.

In the present case, the microstructural analysis shows a lower value of d
D

� �
for
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HA–20Ti as compared to HA–10Ti. This is due to the unification of Ti particles
during ball milling/SPS, which leads to an increase in final particle size.

2.6 Biocompatibility Properties of HA–Ti Composites

The improvement in mechanical properties must not lead to the degradation of
biological properties. Although HA and Ti (and Ti alloys) were investigated
independently for their good biocompatibility property, only few reports are
available on the study of biocompatibility of the HA–Ti composites. In few
forthcoming sections, we will discuss briefly the bioactivity, cytocompatibility and
biocompatibility of HA–Ti composites processed by advanced sintering route.

The cytotoxicity of a biomaterial can be investigated on the basis of cell viability
and proliferation, in vitro. Nath et al. [52] reported the results of L929 mouse
fibroblast cell adhesion on the conventionally sintered HA–10Ti, HA–20Ti, and
HA–30Ti composites. The cultured L929 cells show more flattened morphology on
HA–Ti samples (see Fig. 2.6) [52]. In a follow-up work [50], SEM studies reveal
the extensive cell-to-cell contact as well as spreading of the Saos-2 cells followed
by ECM (extracellular matrix) formation (Fig. 2.7). The well defined morphology
of Saos-2 cells on the HA–Ti substrates reveals their viability and establishes the
cytocompatibilty of the HA–Ti composites. The fluorescence microscopic investi-
gation supports the finding of the SEM study. Extensive actin filament reorgani-
zation (green color) and unfragmented nucleus (blue color) confirm the
cytocompatibility of the HA–Ti composites (see Fig. 2.7).

2.6.1 in vivo Biocompatibility

Although in vitro experiments can be used for initial screening of the biomaterials,
the absence of actual physiological conditions during these experiments limit the
applicability of such experiments. In fact, the material is to be tested for in vivo
biocompatibility property in order to understand the effect of more diverse envi-
ronment enriched with enzymes, proteins and variable pH as well as internal and/or
external stimuli like stress/electric field. Therefore, in vivo experiments are the
endpoint study of the biocompatibility of a biomaterial. In order to evaluate the
biocompatibility of HA–Ti composites, Chu et al. [71] performed the implantation
of HA–20 vol.% Ti in the skull of New Zealand white rabbits. Histological
observations after 3 weeks of implantation revealed the partial integration of im-
plant material with host bone. At the beginning of in vivo experiment (3 weeks), it
has been noticed that the presence of Ti (bioinert) results in a decrease in the
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Fig. 2.6 Representative fluorescence microscopy images of SaOS2 cells on control and different
HA–Ti composites [50]

Fig. 2.7 a The SEM images showing the cell-to-cell contact and spreading of Saos-2 cells over
HA as well as Ti surface of HA–Ti composites. b The fluorescence microscopy image of Saos-2
cells, grown on HA–Ti samples shows the extensive reorganization of the actin filaments (green
color) and the healthy nuclei (blue color) [50]
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osseointegration of the composite. However, after 12 weeks of implantation period,
a complete integration of the composite material with host bone was noticed.
Therefore, HA–20Ti composite is found to behave similar to HA in terms of long
term implantation. Importantly, the decomposition products of HA in HA–20Ti
composite such as α-TCP dissolve faster than monolithic HA in the physiological
environment and therefore, supply the Ca2+ and PO3�

4 ions, results in faster healing
at the defect site [83].

In a different work, Chu et al. [51] investigated the biocompatibility of HA–Ti
FGM (Ti/Ti-20 vol.% HA/Ti-40 vol.% HA), in vivo. For this, FGM samples
(3.3 mm × 3.3 mm × 6 mm) were implanted into the skull of New Zealand white
rabbits. The bonding strength of FGM was found to be higher than pure Ti at any
instant (see Fig. 2.8). It was found that the presence of TiO2 (rutile) layer on the Ti
metal surface provides the nucleation site for the apatite and therefore, enhances the
bonding with host tissue [110].

In summary, the presence of HA in the HA–Ti FGM helps in formation of
intervening apatite layer and therefore, good integration with host bone. The
presence of oxide layer on Ti surface synergistically improves the bioactivity of
FGM. Importantly, the addition of Ti to HA does not impair the biocompatibility of
the HA–Ti composites.

Fig. 2.8 Representative images showing the neobone formation at the interface of implant
material a Pure Ti and b Ti–40 vol.% HA graded layer in the FGM) and host bone, after 4 weeks.
Acronyms used: m implant, b newborn bone, h host bone, * fibrous tissue [51]
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2.7 Future Perspective

This review summarizes the processing, characterization and properties of HA–Ti
based bulk composites in the perspective of bone tissue engineering applications.
The processing related challenges in context of phase stability in the HA-based
systems are mainly discussed and the shortcomings of the conventional pressureless
sintering are highlighted. Such discussion also places the benefits of using advanced
processing techniques such as spark plasma sintering (SPS) to consolidate
hydroxyapatite–titanium (HA–Ti) composites with maximum retention of HA and
Ti in the composite by intelligently tailoring the sintering conditions.

The results of the present study is very significant as with several years of
research, the fracture toughness value could not be increased beyond 2 MPa m1/2

even when conventional indentation technique is used and many reinforcements
(Al2O3 particles, HA whiskers, ZrO2 particles, silver particles) were attempted [61,
100, 102, 111]. This is the first study showing the promise that the toughness of
HA-based materials can be enhanced to 5 MPa m1/2 or beyond. The present study
also establishes that Ti addition can be intelligently tailored to obtain a desired
combination of fracture toughness, strength and elastic modules. It is possible that
synergistic toughening approach with incorporation of ZrO2 (transformation
toughening) can be attempted to further enhance the fracture toughness beyond
5 MPa m1/2. However, this should require a careful control over sintering reactions.
To this end, multistage SPS route with two or more intermediate holding at
intermediate temperatures can be very effective.

At the closure, the development of high toughness HA biocomposite should
have a significant impact on the potential biomedical applications. There has been a
great need to develop mechanically reliable HA materials for heavy load bearing
implants such as artificial teeth roots [102]. Earlier research reported the in vivo
biocompatibility as well as clinical acceptance of dense HA as artificial teeth roots
[112–114]. It was also reported that most of the loaded implants are broken within
one year from implantation because of inferior toughness properties. In the absence
of the availability of high toughness materials, dense HA ceramics are used only as
unloaded tooth roots substitutes. The present study therefore makes a step ahead in
developing more mechanically reliable HA composites for dental restorative
applications and other biomedical applications requiring high toughness.
Importantly, these high toughness materials do not appear to compromise on the
biocompatibility aspects. It is noteworthy to mention that HA–10 % Ti composite,
which exhibits highest toughness of close to 5 MPa m1/2 also supports biominer-
alization kinetics and similar cell viability and Saos-2 cell proliferation in vitro,
which is either comparable or better than monolithic HA [115]. In our recent study
on cell fate process using flow cytometry, it is demonstrated that HA 10 % Ti also
supports the progress of cell division of human fetal osteoblast cells without
causing any significant necrosis/apoptosis in vitro in a statistically significant
manner like monolithic HA [116].
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Chapter 3
Case Study: Hydroxyapatite Based
Microporous/Macroporous Scaffolds

3.1 Relevance of Porous Scaffolds

Over the last few decades, tissue engineering has been considered as a clinically
relevant solution for the repair and regeneration of damaged human tissue. In
particular, scaffold acts as the matrix which serves as a host for tissue formation in
the case of bone tissue engineering. In order to enable tissue formation, scaffolds
should have a few basic requirements such as high porosity, sufficiently large pores,
specific surface properties that will enable the adhesion differentiation and prolif-
eration of cells. Once the tissue grows into the scaffold, such structure helps to
maintain the predetermined tissue structure and biocompatibility. Calcium
Phosphate scaffolds are regarded as an interesting material for scaffold application.
Calcium Phosphate (CP) based materials are known to support in osteoblast
adhesion and proliferation [1, 2]. However, the major disadvantage of Calcium
Phosphate based materials is its inability to be used as load-bearing bioceramics,
because of brittleness and poor fatigue resistance [3, 4]. It is further pronounced in
the case of highly porous bioceramics, where a porosity of greater than 100 µm is
considered as the requirement for bone cell colonization. CP-based materials can be
prepared from various processing routes [5–8], where biocompatibility and long
term stability has been moderately achieved [9]. In general, CP-based bioceramics
are characterized by various factors, such as chemical composition (stoichiometry
and purity), homogeneity, distribution of phase, grain sizes/shape, crystallinity, size
and distribution of porosity and so on. The vast majority of the CP-bioceramics are
based on hydroxyapatite (HA), β-Tricalcium Phosphate (β-TCP), α-TCP and/or
biphasic Calcium Phosphate (BCP), which is a mixture of β-TCP + HA [10–12] or
α-TCP + HA [13, 14]. Various processing routes are attempted to fabricate
CP-compounds, which includes uniaxial compaction [15, 16], cold/hot isostatic
pressing [17–20], granulation [21], loose packing [22], slip casting [23–25], gel
casting [26–28], pressure mold forming [29], injection molding [30], polymer
replication [31–33], extrusion [34, 35], slurry dipping and spraying [36]. In
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addition, the formation of ceramic sheets by tape casting is also widely employed
[37, 38].

As shown in Fig. 3.1, the porous scaffolds for the bone tissue engineering need
to meet a range of properties—(a) it must be biocompatible, which enables the cell
growth, their attachment to surface and proliferation, (b) the material should induce
strong bone bonding, resulting in osteoconduction and osteoinduction, (c) rate of
new tissue formation and biodegradability (in case of biodegradable scaffold)
should match with each other, (d) the mechanical strength of the scaffolds should be
adequate enough to provide mechanical constancy in load bearing sites prior to
regeneration of new tissue and (e) porous structure and pore size of more than
100 µm for cell penetration, tissue in growth and vascularization. The intercon-
nected pores allow cells to migrate in multiple directions under real conditions.

Fig. 3.1 Fundamental requirements for bone replacement scaffolds
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Following the above-mentioned criteria, the scaffolds, appropriately designed in
terms of structure and properties play an important role [39–41] to direct and
provide support to the growth of cells as well as their migration around surrounding
tissue [42]. The majority of mammalian cell types are anchorage-dependent,
meaning they will not be able to survive in the absence of an adhesion substrate.
A number of experimental investigations suggest that the scaffolds with various
compositions provide a suitable platform for cell attachment, proliferation, and cell
migration [43]. As a consequence, efforts have been placed in the development of
porous scaffolds for bone replacement and tissue engineering.

One of the important aspects in the development of bone substitute materials is
the processing of scaffolds with an appropriate micro- and macroscopic structural
morphology including pore size, pore interconnectivity, biocompatibility, osteo-
conductivity, mechanical strength, and biodegradability. The idea is that if an
implanted porous ceramic is progressively replaced by natural bone, its biome-
chanical properties should more resemble with of natural bone.

In order to meet the required criteria for fabricating porous scaffold, several
processing techniques have been employed. The most common techniques among
all are gel casting [44], slip casting [45, 46], fiber compacting [47], freeze casting
[8] and gas foaming [48]. Gel casting is a wet ceramic forming technique, which
involves the polymerization of a monomer in the presence of a solvent to form a
rigid, ceramic-loaded body, which can be machined directly in a complex mold
[49]. After gel formation, gel-cast green samples can be easily demolded and then
are dried in controlled conditions [50]. Freeze casting is a method in which rapid
freezing of a colloidal stable suspension of HA particles in a nonporous mold takes
place, followed by sublimation of the frozen solvent under cold temperatures in
vacuum.

In the above backdrop, this chapter discusses the fabrication of HA-based
scaffolds. Porous HA exhibits strong bonding with the bone and the pores provide a
mechanical interlock, leading to a firm fixation of the material. It is well known that
bone tissue grows well into the pores, increasing strength of the HA implant. It is
realized that size and morphology of pores are crucial factors for an excellent
osteointegration [51, 52]. Other important requirements for porous implants are
interconnectivity of the pores for the penetration of the osteoblast-like cells inside
the pores as well surface roughness for the attachment of cells.

Porous HA has been extensively used as artificial bone substitutes, in particular
for repair, regeneration, and reconstruction of lost, damaged or degenerative tissues
[53]. Although bone tissue itself shows an excellent ability of bone regeneration,
the bone healing process is difficult for critical size bony defect. From design
perspective, it is important to match the osteoconductive properties of porous
ceramic scaffold in one side with the osteoinductive or osteogenic properties of
living bone cells in the other side. This chapter provides an overview of the
extensive experimental results to demonstrate the porous scaffold fabrication and
their biocompatibility assessments.
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3.2 HA-Based Microporous Scaffolds

Hydroxyapatite (HA) was synthesized by widely reported suspension-precipitation
route, as described in our earlier work [54–56]. The polymer precursor, i.e. PMMA
is used as porogen to synthesize microporous scaffolds. The idea is to mechanically
mix HA and PMMA and depending on the size of PMMA, a scaffold of HA can be
obtained after sintering with the porogen removal. Therefore, conventional ceramic
processing route involving powder mixing followed by high temperature sintering
was adopted to obtain HA-based microporous scaffold.

Scanning electronic microscopy revealed microporosity in the as-sintered
composite (see Fig. 3.2). It can be seen that pores are present ranging from 1 to
50 µm, where the majority of pores are in the range of 10–20 µm diameter. This
kind of structure is considered to be adequate, as the microporosity allows initial
cell adhesion.

3.2.1 Osteoblast-like Cell Adhesion and Spreading

Cell attachment and proliferation were further investigated using SEM. SaOS2 cells
are found to be attached and spread on hybrid composite with morphology, as can
be seen in Fig. 3.3a. After 3 days of culturing, the osteoblast-like cells reached
confluency on the surface of hybrid composite. Most of the cells were of polygo-
nally shaped and spread with highly extended filipodia and rough dorsal surface
characteristic of active cells, as shown in Fig. 3.3a. At higher magnification, an
osteoblast cell can be seen intimately associated with an extensive network of
fibrillar and globular substances, which were suspected to be the deposition of
collagen and other extracellular matrix components synthesized and organized by

10 m

Fig. 3.2 Microstructure of
microporous HA [119]
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the osteoblast-like cells. Fluorescent imaging of osteoblast cells revealed a well
developed cytoskeleton with strong actin stress fibers oriented in the adhered cells
(Fig. 3.3b). Such observation is characteristic for highly cytocompatible materials.
After 7 days of culture, cells showed a typical morphology presenting a well spread
configuration with more lamellopodia connecting to neighboring cells, starting to
form a continuous cell layer. After 10 days of incubation, virtually the entire sur-
face was covered by cells, and in some cases, continuous sheet of cell was seen.
Similar behaviour was previously observed by Bagamsia and Joos [57].

μm20

(a)

(b)

Fig. 3.3 a SEM images of SaOS2 human osteoblast-like cells adhered on HA/PMMA hybrid
composite, after 72 h of culture. b Fluorescence microscopic image revealing well developed actin
fibers of SaOS2 human osteoblast like cells [119]
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3.2.2 Osteoblast-like Cell Growth and Differentiation

Figure 3.4 shows the MTT assay results obtained after 3, 5 and 7 days of culture,
using SaOS2 human osteosarcoma cells. In order to analyze the difference in sta-
tistical significance of the biochemical assay results, the commercial SPSS software
was used. The statistical analysis was carried out using univariate analysis of
variance (ANOVA) method. In particular, the Post Hoc multiple comparisons of the
mean of independent groups were made using Tukey test (for homogeneous data) at
statistical significant value, p < 0.05. The astric mark (*) in Figs. 3.8 and 3.9
represent significant statistical difference at p < 0.05 and error bars correspond to
±1.00 SE (standard error). The univariate analysis using Post Hoc test among
different investigated materials reveals any statistically significant difference with
the control sample. It can be seen that the mean optical density (OD) increases with
incubation time period in hybrid composite. Since mean OD directly correlates with
the mitochondrially active cells, it is clear that in terms of cell viability among the
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samples, there was no significant difference on day 3 (p < 0.05). In contrast, a
statistically significant increase in cell viability was measured for osteoblast-like
cells on hybrid composite than on control sample after 5 and 7 days of culture,
respectively (p < 0.05). These results indicated that hybrid composite can act as
good substrate for cell attachment and vitality. The results of MTT assay (Fig. 3.4)
demonstrate that the scaffold along with dense HA, stimulated the proliferation of
osteoblast cells to a similar extent with similar difference in OD values after
3/5/7 days of incubation. Independent of incubation period, the porous scaffolds
exhibited better cell viability in comparison to dense HA. Such observations show
efficacy of the porous scaffold. The Post Hoc multiple comparison among the
samples revealed that the scaffold showed the significant difference with sintered
HA. The viability of the SaOS2 cells was found to be superior in case of scaffold
than that of cells cultured on sintered HA. In summary, it can be said that the
HA-based microporous scaffold shows good cytocompatibility as well as enhanced
cell viability property with respect to incubation period.

Osteoblasts in the culture media containing the HA/PMMA composites
expressed good ALP activity throughout the 7 days of the study (Fig. 3.5). From
the early incubation period of 3 days, the ALP activity on the hybrid composite was
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Fig. 3.5 ALP expression of SaOS2 cells on control, HA and Hybrid composite samples after 3, 5
and 7 days of culture [119]
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higher and it increases with incubation days i.e. for day 5 and 7. The ALP activity
of osteoblast-like cells grown on the porous scaffolds for various culture times was
significantly higher than that of the dense HA sample. The results suggested that the
porous HA/PMMA hybrid composite can be used as substrate which should
facilitate better cell differentiation than sintered HA. It is consistent with the pre-
vious reports that the polymer–HA scaffolds are superior to the pure polymer
scaffolds for osseous tissue engineering [58], because the presence of HA hydroxyl
groups could promote the calcium and phosphate precipitation and improve inter-
actions with osteoblasts [59].

3.3 Polymer-Replication Based Processing of HA-Based
Macroporous Scaffold

The scaffolds can be prepared using polymeric sponges infiltrated with ceramic
slurry method that integrates the gel-casting and polymer sponge methods. For the
results discussed in this section, the scaffolds are prepared using commercially
available polyurethane sponges as a template. The methodology, as shown in
Fig. 3.6 was adopted for making the scaffold.

Several composition ratios were impregnated onto the polyurethane sponges and
were analyzed. Finally, 60 wt% HA loading was considered as the optimum, since

Fig. 3.6 Schematic illustration of preparation and characterization of porous scaffold [118]
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the obtained scaffold has adequate strength to withstand manual handling. The
polyurethane sponge was squeezed to remove excess slurry and treated according to
the following sintering cycle: heating at 2 °C/min from ambient to 600 °C followed
by a 1 h plateau; heating at 3 °C/min from 600 to 1200 °C followed by another
plateau of 1 h. For comparison, HA powder were compacted and pressureless
sintered at 1200 °C for 1 h to obtain nonporous dense HA (density-98.5 % ρth).

Figure 3.7 shows the micrograph of as synthesized porous HA scaffold. It is seen
that there is no sharp faceted geometrical shape. The polymer replication method
was useful to produce HA scaffolds of cube like shape or with rectangular
cross-section. The largest scaffold was of 25 × 25 × 25 mm dimension. Another
important aspect is that this synthesis route to prepare scaffold provides better
strength to handle with better reproducibility. The pore size was ranging between

100 μm200 μm 

(a)

(b) (c)

Fig. 3.7 a Porous hydroxyapatite body of rectangular shape produced via. Polymeric sponge
method using sol-gel derived HA powder and polymer slurry (b) and c SEM of scaffold [118]
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100–300 µm (Fig. 3.7b) and the pore wall thickness was measured as 50 µm (see
Fig. 3.7c). Most of the pores are oval shaped and uniformly distributed.

The pore architecture of scaffold directly effects its mechanical strength [60].
Since a higher density usually leads to higher mechanical strength, high porosity
provides a favorable biological environment. Therefore, a balance between the
porosity and density for a scaffold must be established for the specific application.
The measured apparent density and porosity of HA scaffolds prepared with slurries
of different HA concentrations using the method shown before (Fig. 3.7) were
0.74 g/cm3 and about 70 %, respectively. The apparent density of trabecular bone
ranges from 0.14 to 1.10 g/cm3 (average: 0.62 ± 0.11 g/cm3) [61].

The maximum compressive strength for the prepared scaffold was determined as
1.3 MPa, which resembles with earlier reported data as well as close to strength of
natural bone [62]. The compressive strength of porous human bone ranges between
2–12 MPa for cancellous bone and 100–230 MPa for cortical bone [63]. On the
other hand, the mechanical strength of porous HA is reported in the range of 1.2–16
MPa [64]. The compressive strength of porous HA after implantation of 3 months
is reported as 2–20 MPa [65].

The cytocompatibility of macroporous HA-scaffold was evaluated using SaOS2
osteoblast like cells. SEM results indicated that the scaffold allowed the attachment
and spreading of the cells, while keeping a normal cellular morphology. As shown
in Fig. 3.8, the cells are well attached and spread on the scaffold, presenting a round
shaped configuration with extended filapodia in multiple directions, adhering to the
scaffold surface. Figure 3.9a supports better cell viability on macroporous scaffold
than on dense HA.

ALP is a representative enzyme of osteoblastic differentiation, and ALP activity
is considered as an indicator of osteoblastic differentiation of SaOS2 cells cultured
on the scaffolds. As shown in Fig. 3.9b, ALP expression of cells grown on sintered
HA and HA scaffold increased continuously over the varying culture duration. After
day 3, the ALP activity on the scaffolds was low, and then increased on day 5 and 7.
The ALP activity of osteoblast-like cells grown on the porous scaffolds for various
culture times was significantly higher than that of dense HA.

In summary, it can be stated that the pore size distribution and surface chemistry
provided favorable topographical substratum for cell attachment and ingrowth in
the present case. In particular, the scaffold surface favored enhanced surface wetting
properties, which could affect cell attachment directly or indirectly through selec-
tive adsorption of serum protein required for cell attachment. It is known that the
absorbed protein modulated cellular interactions [66].

3.4 HA-Gelatin Based Micro Porous Scaffold

In last one decade, limited efforts are invested to fabricate and characterize
gelatin-HA scaffold [67–70]. Such study often reports either the fabrication aspects
of these porous scaffolds or the response of osteoblast/human mesenchymal stem
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cells on the scaffold under static or dynamic culture conditions. For example, Kang
et al. [10] reported a freeze drying based approach to develop porous hydrogels
through cross-linking of gelatin with glutaraldehyde in aqueous media. They also
illustrated how the freezing temperature can influence different pore morphologies
of hydrogel (without HA), which is essentially controlled by the size of the ice
crystals. Unfortunately, neither any quantified mechanical response nor any
cell/protein results are reported in their study. In another study, Landi et al. [11]
reported the channel like pore morphologies in gelatin-HA scaffolds (HA/10 %
gelatin). Interestingly, such characteristic pore (45–55 vol%) architecture also

10μm

(a)

10μm

(b)

Fig. 3.8 SEM image of osteoblast cells cultured on scaffold a after 7 day and b after 10 day of
culture [118]
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resulted in higher compressive strength of more than 15 MPa. In a different work,
Kim et al. studied the in vitro cytocompatibility of on gelatin-HA scaffolds with
osteoblastic cells under dynamic cell culture conditions [12]. The differentiation of
the bone cells (MG63), as assessed using ALP (alkaline phosphate) and osteocalcin
activity are measured to be higher on the gelatin-HA nanocomposite scaffolds
compared to the conventionally processed scaffolds (direct mixing gelatin powder
and HA). In a relatively recent study, Zhao et al. reported the cell fate processes of
the human mesenchymal stem cells on chitosan-gelatin scaffold [13]. The better
stem cell differentiation to bone cells on the scaffolds is attributed to the enhanced
calcium adsorption properties of HA on such scaffolds.

This part of the chapter discusses a low temperature based processing approach
to make gelatin—HA based porous scaffolds. In particular, a processing strategy
to combine freeze drying and cryogenic curing treatment to develop nano
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Fig. 3.9 MTT assay (a) and
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hydroxyapatite gelatin based porous scaffold from hydroxyapatite nanorods will be
discussed [71]. Freeze casting technique has advantages in terms of retention of
original particle size and shape over high temperature process, since the latter favors
high aspect ratio conversion to equiaxed morphology and a reduction of their
mechanical strength [72, 73]. The compressive strength and pore morphology of
such porous scaffolds are close to that of trabecular bone [74].

A common conjecture in biomaterials research is the cellular interaction towards
bioimplant surfaces mediated through adsorbed proteins, since proteins are essential
biomacromolecules to support cell nutrients, cell growth and attachment [75, 76].
Hence, the assessment of protein interaction with a scaffold is of significance for
tissue engineering. Keeping this in view, different in vitro analysis such as
adsorption/release of BSA protein and biodegradation are carried out in an effort to
study the cytocompatibility property and an attempt has been made to correlate
between structure and properties of the scaffold. In order to quantitatively and
qualitatively characterize the pore architecture, micro computed tomography
(micro-CT) technique is used extensively in the present work for protein-loaded
and as-fabricated gelatin–HA based porous nanobiocomposite scaffolds.

3.4.1 Freeze Drying—Cryogenic Curing Based Processing
Approach

As far as the processing aspect is concerned, a combination of freeze drying and
cryogenic curing (liquid N2) was to develop macroporous scaffolds with inter-
connected porosity.

In particular, Gelatin-HA scaffolds were prepared from rod morphologies of
freeze dried HA powder, as shown in Fig. 3.10. The solid content was optimized to
be 40 wt% considering the combination of pore volume, pore diameter and ade-
quate strength. A slurry was made by adding Polyvinyl alcohol (PVA) (10 wt%)
and gelatin (15 wt%) with respect to the HA powder used. To start with, solid
gelatin (Gelatin granules, mol. wt.*85000, Fisher Scientific Qualigens) was added
to a clear PVA solution, till homogenization of the two additives was achieved.
Highly dispersed HA nanorods were added within the mixed solution of gelatin and
PVA through continuous magnetic stirring. The solid–liquid mixture turned into
highly viscous slurry at 40 °C. The slurry was poured in a cylindrical glass mold
and refrigerated at 268 K for 12 h to avoid sudden liquid solidification and evap-
oration. Semi–dried mass was then freeze dried at 221 K and 77 torr pressure.
Demolded freeze dried gelatin-HA cylindrical scaffolds were further cured in liquid
nitrogen cryo—chamber for 5 h at atmospheric pressure as discussed in an earlier
work [77]. The scaffolds are designated as cryo-treated nano hydroxyapatite–gelatin
micro/macroporous scaffold (CHAMPS).

Concerning the mechanical behavior, such scaffolds exhibit moderate strength
properties (5 MPa) and progressive yielding behavior with large strain to failure up
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to 24 % (see Fig. 3.10). In particular, the combination of porosity as well as
mechanical properties of the synthesized CHAMPS scaffold would enable one to
mimic the structure and properties of trabecular bone, respectively. Figure 3.10 also
shows large sized scaffold can be fabricated using the above-described processing
approach.

3.4.2 Micro-CT Analysis of Porous Architecture

Although SEM image, as shown in Fig. 3.11c provide signatures of porous
structure in the scaffold, more qualitative and quantitative analysis of 3D porous
architecture using micro-CT are now discussed. It is known that micro-CT systems
use effectively micro-focal X-ray projections rotated through multiple viewing
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Fig. 3.10 a TEM and inset SAED pattern for rod shaped hydroxyapatite nanoparticles,
b Microscopic view of the freeze dried and their cryo treated scaffold, c SEM image of the as
freeze dried and cryo treated nanoHA—gelatin macroporous scaffold (CHAMPS) and
d stress-strain response of cryotreated scaffolds under compression [120]

58 3 Case Study: Hydroxyapatite Based Microporous …



directions in order to obtain 3D reconstructed images, which provide spatial dis-
tribution maps of linear attenuation coefficients, determined by the energy of X-ray
source and scaffold composition. The as-fabricated nanoHA/gelatine scaffold as
well as the protein loaded scaffold were first fixed in 10 % neutral buffered formalin

Fig. 3.11 Representative 3D
micro–CT scan image of the
as-synthesized CHAMPS
(a) and BSA protein loaded
CHAMPS (b) [120]
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and thoroughly washed with PBS. Subsequently, the test samples (as-synthesized
scaffold and protein loaded scaffold) were analyzed using high resolution X-ray
micro-computed tomography. The scanning parameters include, X-ray beam
energy = 40 kV and current = 250 μA. Under the operating conditions, the pixel
size was around 4 μm and typically the scaffold length of 5–6 mm is sectioned into
600–700 parallel slices of equal height during the micro-CT analysis. While ana-
lyzing the test scaffolds, the rotation step was 0.25° and 30° rotation was completed.
Typical timescale for scanning a test sample was around 4.5 h. The reconstruction
of the selected region was made using the commercial NRecon reconstruction
program (cone beam convergence/back projection algorithm-based software).
Based on the density variation of various regions of the test scaffold, the 3D image
of the scaffold was extracted on the basis of the distinction between ROI (region of
interest) and VOI (volume of interest). Also, various views (side view, top view,
front view) of the 3D images are studied in order to realize the pore interconnec-
tivity or pore distribution along the entire volume of the scaffold and this aspect can
only be studied using micro CT technique. Some representative 3D volume ren-
dered images are shown in Fig. 3.11. From the experimentally measured CT
database, we have also analyzed multiple 2D slices to quantify the distribution of
the pore size and pore volume as well as strut thickness for the entire scaffold
volume.

The efficacy of a biomaterial scaffold for biomedical applications depends on the
pore size distribution, pore interconnectivity, pore wall thickness etc. In the present
case, nano HA/gelatin scaffold is uniquely characterized by highly favorable pore
size distribution with the peak size distribution lies at about 50 μm (see Fig. 3.12).
Therefore, it can be said that majority of the pores in the scaffold would favor the
initial attachment, migration and proliferation of fibroblast and osteoblast like cells.
The skewed pore size distribution with sizable fraction of the pores having sizes
between 100 and 250 μm would be helpful in the tissue/bone in growth. The fact
that moderate compressive strength of 5 MPa can be achieved with such highly
porous scaffold indicates good rigidity of the pore wall structures.

The pore wall thickness, like pore size is therefore an important factor. The
Gaussian fitting of the measured pore wall thickness data reveals a peak in distri-
bution around 40 µm in the as processed scaffold, which is shifted to 20 µm in the
BSA protein loaded scaffold (see Fig. 3.12b). The overall shift of the pore walls
thickness distribution towards left essentially reveals favorable protein absorption
on the pore wall surfaces in a homogeneous manner. Also the fact that the majority
of the pores have pore wall thickness of around 40–50 micron reveals that such
pores can support the in growth of biological tissues/neobone.

As far as the complexity of the pore size distribution concerned, the presently
investigated scaffold has a highly complex pore structure distribution as can be
realized from the fractal dimension (FD) of 2.61 (see Table 3.1). It is known that a
less complex porous scaffold is characterized by FD = 2 and for natural cancellous
bone, FD = 2.1–2.3 is expected [78]. Another important factor in the context of the
pore architecture is degree of anisotropy (DA). Higher value of DA essentially
indicates the anisotropic of pore orientation. In case of as processed scaffold,
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DA = 5.3 and it is reduced to 2.6 after BSA protein absorption. Considering highly
stochastic nature of the tissue/bone in growth, the anisotropic pore orientation
would be extremely useful. Also, higher DA values essentially reflect that the
CHAMPS scaffold can provide complex physical pathways through the anisotropic
pore channels.

As far as the interconnectivity of the pores are concerned, the connectivity
density essentially reflects the number of multiple connections within the scaffold
volume or number of interconnected solid elements. The large interconnectivity of
3.2 × 103 in case of as processed scaffold as well as 3.3 × 104 for protein loaded
scaffold indicates that pores are highly connected in three dimensional and in fact,
protein adsorption through complex pore favorably increases the interconnectivity
density. It is important to mention here that high interconnectivity density would
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thickness (b) distribution for the as-synthesized CHAMPS scaffold and BSZ protein-loaded
CHAMPS scaffold [120]
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definitely facilitate the passage of nutrients, blood as well as waste products from
the biological cells, which would find easy passage to get into the available pore
volume because of highly favorable pore architecture. From the above, it should be
clear that highly interconnected porous microstructure with average pore diameter
in the range of 40–200 µm facilitated the attachment and delivery of BSA on
hydrophobic CHAMPS surfaces and enabled hydrophobic–hydrophobic surface
conjugate interaction [79].

3.4.3 BSA Adsorption/Release

The water soluble Bovine Serum Albumin (BSA) was considered as a model
protein for adsorption/release study [80]. The crystallized and lyophilized BSA
protein, having 69 KDa molecular weight and 4.74 isoelectric points, was dissolved
in double distilled deionized water and refrigerated at 4 °C. The identical shaped
eight samples of CHAMPS scaffold (0.5 gm, Ø–14 mm, and thickness—2.5 mm,
volume—0.38 cm3) were sliced by steel blade and immersed in 10 ml BSA solu-
tion with 5 mg/ml initial concentration. The samples with protein solution were
kept in an incubator at 37 °C for different time scale from 6 to 240 h. The super-
natant solutions were collected from individual BSA—CHAMPS conjugate spec-
imens through centrifuge at 100 rpm at 4 °C. The amount of BSA protein adsorbed
was quantified by taking 0.1 ml of supernatant from each specimen and the
supernatant was mixed with 2 ml of bicinchonic acid solution. Similarly, BSA
release study was also carried out for the same BSA protein loaded CHAMPS after
immersion in 20 ml of phosphate buffer saline (PBS) at pH 7.4 and temperature of
37 °C. UV-vis spectroscopy at 562 nm was used to characterize the absorbance
peaks and to estimate of BSA concentration through the use of a predetermined
standard concentration—intensity calibration curve. In reference to the

Table 3.1 Summary of the physical parameters describing the porous architecture of the
CHAMPS scaffold loaded with and without BSA protein, as determined using extensive micro-CT
analysis [120]

Physical parameters CHAMPS without BSA
protein adsorption

CHAMPS with BSA protein
adsorption after 48 h

Total porosity 63.5 (%) 71.8 (%)

Total volume pore
space

1.1 × 1011 (μm3) 1.9 × 1010 (μm3)

Fractal dimension 2.61 2.54

Average pore
separation distance

86.8 μm 66.4 μm

Degree of anisotropy 5.3 2.6

Connectivity density 3.21 × 10−6 (μm−3) 3.30 × 10−5 (μm−3)

62 3 Case Study: Hydroxyapatite Based Microporous …



experimental results shown in Figs. 3.13 and 3.14, the protein adsorption/release of
CHAMPS scaffold is analyzed now. A summary of the available literature allows
one to make the following observations:

(a) BSA adsorption on HA reaches a steady state at very shorter time scale of
around 2 h;

(b) In case of chitosan-gelatin scaffold, the BSA adsorption occurs a overall large
time scale and typically reached a steady state over a period of 15 days [13];

(c) The BSA adsorption on collagen derived gelatin HA nanocomposite occurs at
relatively much faster rate of within 24 h [12].

In the above perspective, the present study confirms that relatively faster
adsorption behavior of BSA proteins in CHAMPS scaffold occurs within 48 h,
although the time scale for the attainment for the steady state BSA adsorption is
little longer than that reported in another related study [12]. As far as the protein
release is concerned, the CHAMPS scaffold clearly outperforms other biodegrad-
able scaffolds as far as the BSA release over 10 days is concerned. For example,
Jaklenec et al. measured 40–50 % of BSA release for PLGA micro spheres loaded
with 4.3 % BSA in vitro over an incubation period of up to 10 days and BSA

Fig. 3.13 Adsorption study of BSA onto gelatin-HA Scaffold, a analysis of maximum absorbance
of adsorbed BSA on CHAMPS with time, b amount of BSA adsorbed on CHAMPS with time and
c BSA adsorption isotherm [120]
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release does not attain the steady state even up to the period of 20 days. In contrast,
the BSA release is around 70 % after 24 h incubation and reaches a steady state
behavior of 60 % BSA release over an incubation period of 2–10 days. Such ability
of the CHAMPS scaffold to release BSA proteins over a time span of 24 h indicates
that these scaffolds can be used for protein delivery applications.

3.5 Challenges in Bone-Mimicking Porous Scaffolds

First, the necessity for developing composite with dispersion of calcium phosphate
(CP) in polymeric scaffold can be reiterated. CP bioceramics are brittle. In addition,
the mechanical properties decrease significantly with increasing amorphous phase,
microporosity and grain size. In addition, high crystallinity, low porosity and small
grain size tend to give a higher compressive and tensile strength and a greater
fracture toughness. Thus CP has poor mechanical strength and a greater fracture
toughness, which forbids its usage in the load-bearing applications [81–83].
Fracture toughness of HA bioceramics does not exceed *1.2 MPa m1/2 [84],
where as human natural bone has toughness of 2–12 MPa m1/2. With the increasing
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Fig. 3.14 Release study of
loaded BSA from CHAMPS,
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absorbance with time and
b amount of BSA released
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porosity, the mechanical strength decreases. Bending, compressive and tensile
strengths of dense HA bioceramics are in the range of 38–250, 120–900 and
38–300 MPa, respectively, where as those values for the porous HA bioceramics
are 2–11, 2–100 and *3 MPa, respectively [28]. Further, strength was found to
increase with increasing Ca/P ratio, reaching a maximum value with stoichiometric
ratio and decreases when Ca/P > 1.67 [28]. The strength decreases exponentially
with increasing porosity [85, 86]. Also, by changing the pore geometry, it is pos-
sible to influence the strength of the bioceramics. It has been noted that the porous
HA bioceramics are considerably less fatigue resistant than their dense counterparts.
Due to brittleness, CP bioceramics are mostly used in non-load bearing implants.
The electrical properties of CP bioceramics have an interesting role in judging their
applicability for the biomedical applications. The presence of surface charges on
HA bioceramics have significant effect on both in vitro and in vivo crystallization of
apatite phase [87–90]. The negatively charged surface enhances the growth of
biomimetic CP and bones rather than the positively charged surfaces [91–94]. The
brittleness of CP can be partly circumvented by producing composites with
visoelastic matrix, like collagen.

Porosity is another major factor, which provides good mechanical fixation and
allows the chemical bonding between the bioceramics and bones [95]. The open
porosity is directly related to bone formation and provides the surface and space for
cell adhesion and bone ingrowths. Pore interconnection provides the way and
migration, as well as for in vivo blood vessel formation for bone tissue and
remodeling [96–101]. Interconnecting macropores (size > 100 µm) are usually
formed due to the porogens in bioceramics. There are several techniques that are
used for formation of porosity such as polymer foams by impregnation, dual-phase
mixing, particulate leaching, freeze casting, slip casting, stereo lithography. The
foaming of gel casting suspensions have been applied to fabricate porous CP
bioceramics [102–104]. There are numerous reports about the formation of porous
HA bioceramics [105, 106]. The control of pore formation, pore dimensions and
internal pore architecture of bioceramics at different length scales is essential in
assessing the structure-bioactivity relationship and the rational design of bone
forming biomaterials [107–109]. For medical applications, it is important to study
the biological properties of fabricated bioceramics and in vivo behavior. As the
implanted biomaterial will chemically react with their environment, they should not
create undesired effects to their adjacent or far tissues. Though there are some
reports on the inflammatory reaction by implanting CP bioceramics [110–112], still
CP bioceramics with Ca/P ionic ratio within 1.0–1.7 are reported to be non-toxic.
Osteoinduction of CP bioceramics is observed in the porous structures or
well-defined structures. Scientific studies have showed that an estimation of min-
imum pore size of *50 µm for blood vessel formation and a *200 µm for
osteonal in-growth [113]. Both porosity and their architecture are critical in gauging
the fluid transport rate through porous bioceramics, which determines the rate and
the degree of the bone growth in vivo [114].
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In the above perspective, an innovative processing scheme will be discussed to
develop biocomposites with desired porous network. An important drawback of
many of the above-mentioned processes is that the bone-mimicking compositions in
terms of the Calcium Phosphate biocomposites can not be effectively processed, as
collagen is denatured during high temperature processing. Any process at or near to
room temperature is most suitable and this places additional advantage of using
freeze isostatic processing (FIP) in fabricating bone-mimicking scaffolds. In this
process, a slurry of collagen with HA can be compacted in a test chamber under
high hydrostatic pressure of maximum up to 600 MPa at sub-zero temperature with
ice crystals acting as porogens. This process requires further investigation.

3.6 Closure

Various processing approaches are discussed in this chapter to fabricate porous
scaffolds with desired interpenetrating or interconnected porosity. These include
polymer replication, sacrificial method of porogen removal and freeze casting.
Other methods, which are not discussed here, include rapid prototyping methods
(selective laser sintering, 3D printing etc.), gel casting etc. [115–117]. It has been
demonstrated that HA-based macroporous scaffolds are being developed by
immersing polymeric spongy foams in polymer-based precursor slurry, followed by
high temperature treatment and this route enables one to obtain macroporous
scaffolds with interconnected porosity [118]. Such scaffolds have moderate com-
pression strength (1.3 MPa) and also support attachment and proliferation of bone
cells. In a different processing approach, microporous HA scaffolds are prepared
using PMMA as sacrificial additive [119].

The simple use of PMAA as porogen and adopting conventional ceramic pro-
cessing route allows one to fabricate HA-based microporous scaffolds with porosity
of 1–50 µm, where the majority of pores are in the range of 10–20 µm diameter. In
particular, fluorescent imaging of osteoblast cells revealed a well developed
cytoskeleton with strong actin stress fibers oriented in the adhered cells.

The discussion in this chapter also illustrates that the porous scaffold with
homogeneous pore distribution and pore wall thickness can be fabricated using
polymer sponge replication method. While the pore size varies between 100–
300 µm, the pore wall thickness was *50 µm. The apparent density and porosity
of HA scaffold were calculated of 0.74 g cm3 and *70 %, respectively. The
compressive strength of porous scaffold was calculated as 1.3 MPa, which corre-
lates well with the strength of natural cancellous bone.

The results discussed in this chapter reconfirms that porous scaffold could have
provided better substrate for cell adhesion and proliferation and differentiation of
osteoblast type cells, in comparison to dense sintered HA.

The combination of the freeze drying and cryogenic curing for 5 h in liquid
nitrogen allows to develop gelatin HA nanocomposite scaffolds with interconnected
porosity and superior protein adsorption/delivery property. On the basis of the
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micro-computed tomography analysis, the investigated gelatin-nano HA scaffolds
are characterized by the skewed pore size with mean at 40 µm and an extended tail
of up to 250 µm, as well as pore wall structure thickness varying in the range of 10–
100 µm. A systematic shift towards finer pore size/pore wall distribution with BSA
adsorption is also recorded. Further, the superior protein adsorption/delivery is
attributed to the unique pore interconnectivity and anisotropy in addition to desired
pore distribution.
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Chapter 4
Case Study: Osseointegration of Strontium
Containing Glass Ceramic

4.1 Introduction

In the last few decades, glass ceramics has been widely considered for a variety of
biomedical applications such as restorative material in dentistry [1], orthopaedic
implants for replacement of damaged/fractured bone [2] and as bone cements (in
orthopaedic surgery) [3]. Such an array of beneficial effects are envisaged due to the
ability of some of the investigated glass ceramic composition in eliciting reasonable
biocompatibility and osteoconductivity, excellent adhesion behaviour with enamel
and dentin, commendable bone-tissue integration with strong interfacial bonding
and non-immunogenic over a long period of implantation [4]. Some inherent
limitation of other materials, e.g. polymer-ceramic composites (low elastic modu-
lus/wear resistance) and calcium phosphate ceramics (limited contact with host
tissues) has been a reason for the increased interest in developing glass ceramics
based material as an alternative choice for osteoconductive bone implants.

Even though, glass ceramics are considered to be bioactive in nature, they exhibit
limited bonding to the surrounding osseous tissue, which greatly affects the bone
formation [5]. In continuous surge towards developing glass-ceramics with better
osseointegration properties, Sr-containing glass ceramics are recently being investi-
gated, due to its ability to promote bone healing [6]. Strontium, being one of the trace
element involved in bone homeostasis, has been proven to enhance the replication of
preosteoblastic cells and to stimulate bone formation by inhibiting the osteoclast
activity, a mechanism initiated through the calcium-sensing receptors, located in the
membrane of osteoblasts and osteoclasts [7–9]. Overall, the structure, physical and
in vitro biocompatibility properties of Sr-doped/substituted glass ceramics is widely
reported. For example, the influence of Sr-substitution on the structure and properties
of HA or various bioactive glass or glass ceramics has largely been investigated by
Hill and co-workers [10–12] and lately in the research group of Ferreira [13] and
Sampath Kumar [14]. In particular, Hill and co-workers used Raman spectroscopy
and XRD-based Rietveld analysis to characterize wet-chemically synthesized
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Sr-substituted hydroxyapatites, (Srx Ca1-x)5(PO4)3(OH), where x is varied system-
atically between values of 0 and 1 [12]. The mechanical or biocompatibility property
is not reported in this study. In a recent study, Sampathkumar and co-workers reported
the in vitro cytocompatibility and antimicrobial properties of Sr-substituted and Ca
deficient hydroxyapatite (HA) nanoparticles [14]. Importantly, non-cytotoxic beha-
viour towards human periodontal ligament fibroblast cells as well as bactericidal
property against E. coli and S. aureus were established in their work. The significant
reduction of the number in bacterial colony count of S. aureus in contact with
Ca8.69Sr0.96 (PO4)6(OH)2 nanoparticles was measured. In a different work, Goel et al.
[13] reported that the Sr-substituted glass ceramic with (36.07-x) CaO–xSrO–
19.24MgO–5.61P2O5–38.49SiO2–0.59 CaF2 [X = 0–10] composition can result in a
maximum of a sevenfold decrease in biodegradation in Tris-HCl medium as well as
can exhibit flexural strength of around 100 MPa or more. In a different study, Hill
et al. [15] utilised magic angle spinning nuclear magnetic resonance (MAS-NMR) to
probe into the changes in local ultrastructural environment upon the substitution of Ca
by Sr in 4.5SiO2–3Al2O3–1.5P2O5–3CaO–2CaF2 glass. The critical analysis of Si,
[16] Al, [17] P and [15] F MAS-NMR spectra reveals the formation of strontium
fluoroapatite in the fully Sr-substituted glass-ceramic, while a mixed Ca–Sr apatite
formation is favored with intermediate Sr-containing glasses. It is to be further noted
that the castable fluoroapatite glass ceramics in the SiO2–Al2O3–P2O5–CaO–CaF2
multicomponent system can have a good combination of mechanical properties
(fracture toughness * 2.7 MPa m1/2 and strength > 260 MPa) [15, 18, 19]. The
importance of the heat treatment cycle on 1.5SiO2–Al2O3–0.5P2O5–CaO–0.67CaF2
glass was studied in reference to the amorphous phase separation and the evolution of
[Ca5(PO4)3F]—fluoroapatite phase during crystallization using the real-time
small-angle neutron scattering (SANS) and neutron diffraction techniques. Taken
together, using various state-of-the-art characterization tools, the structure of the
glass-ceramics of relevance to biomedical applications is relatively well established
and the physical properties along with some in vitro properties are also investigated
widely in literature. However, the in vivo biocompatibility, in particular long term
implant stability and osseointegration study is clearly lacking.

Motivated from the recent use of strontium ranelate (SrR) under the trade name,
Protelos for the treatment of osteoporosis, a number of research groups have
investigated the biocompatibility of Sr-containing glass-ceramics and bioactive
glasses [20–23]. Strontium incorporated into bone cements has been found to
improve bone formation as well as reduce bone resorption in vivo. Therefore, there
has been a considerable research interest to develop Sr-containing bone substitute
materials. Although, the in vivo biocompatibility of Sr-containing glass ceramics
has not been comprehensively studied, several studies reported the in vitro bio-
compatibility of multi-component glass-ceramics. For example, SiO2–P2O5–Na2O–
CaO based glass ceramics with 0–100 % Sr-substitution for Ca, supported
increased cell growth of osteoblasts (human osteosarcoma cell line, Saos-2) as well
as significantly higher alkaline phosphatase expression (differentiation marker) with
the highest being measured for both 50 and 100 % Sr-substitution [24]. Most
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importantly, a typical resorption activity of osteoclasts was also observed in these
glass ceramics. Based on the histomorphometrical analysis to compare the efficacy
of Sr-doped hydroxyapatite (HA) on fast resorption of allograft and bone growth as
bone graft extender at Ti alloy/host bone interface, Vestermark et al. reported that
Sr–HA can induce 1.2-fold increase in bone growth along with 1.4-fold increase in
neobone formation in comparison to Sr-free HA based bone graft extender after
4 weeks of osseointegration in a dog animal model [22]. It was suggested that
Ca9.51Sr0.49 (PO4)6(OH)2 enhanced the bone defect healing with increased neobone
formation as well as delaying the allograft resorption after 4 weeks.

In this chapter, the in vivo biocompatibility property of the 100 % Sr substituted
LG26 glass ceramic composition systematically investigated in rabbit animal model
over 26 weeks of implantation is summarised. A comparison is made with that of
HA-bioglass based bioactive ceramic, which is known to be highly bioactive. In
view of the fact that 100 % Sr-substituted glass ceramics of SiO2–Al2O3–P2O5–

SrO–SrF2 composition can exhibit Sr-fluorapatite crystals and such glass ceramics
are being proven to be in vitro cytocompatible in earlier research [1–6, 25–28], this
specific glass ceramic composition is being investigated for long term in vivo
biocompatibility in the present work. A detailed analysis using micro-computed
tomography, fluorescence microscopy, confocal microscopy of the in vivo tested
implant/tissue samples has been made to obtain the bone regeneration process both
quantitatively and qualitatively.

4.2 Materials and Methods

4.2.1 Materials

The glasses with the composition 4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2 were
prepared by a melting-quench route, as described earlier [16]. Appropriate amounts
of analytical grade oxide powders supplied by Sigma-Aldrich of silica (SiO2),
alumina (Al2O3), phosphorus pentoxide (P2O5), strontium carbonate (SrCO3) and
strontium fluoride (SrF2), all supplied by Sigma Aldrich were ball milled together
and melted in a platinum crucible at 1475 °C for 2 h. The melt was then quenched
in deionised water in order to obtain amorphous frit glass. The frit was then ball
milled in a planetary ball mill using agate jar-agate ball and acetone as a grinding
medium for 12 h at a speed of 250 rpm. The ball milled powders were dried
overnight at 100 °C and the dried powders were sieved in order to obtain a particle
size of less than 45 µm. The pressureless sintering of the powder compact was
carried out at 1200 °C for 2 h in air in a conventional sintering furnace. All the
samples were found to be around 95 % dense. After sintering, the glass was
crystallised to a strontium fluorapatite phase and a Sr-celsian phase (feldspar) as
identified by XRD analysis (not shown).
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The above processed glass-ceramics were used as test implants and designated as
LG26Sr throughout the chapter. Commercially available Biograft® HABG (IFGL
Bioceramics, India) was used as the control implant. This new generation bone graft
substitute material, processed by a sol–gel based technique, contains a patented
composition of synthetic hydroxyapatite (bone mineral) and calcium phosphate
silicate. This is a unique bioactive composite, which is one of the osteoinductive
and resorbable bioceramics, currently being manufactured by IFGL Bioceramics,
India. Recent studies reported a faster healing of bone defects using HABG
[29, 30]. Biograft® (designated throughout this document as HABG), is specially
designed for repairing intra-bony defects including bone cavities and defects arising
due to cyst, tumour or trauma. The surface of samples, Sr-containing glass ceramics
and HABG appeared to be irregularly porous.

4.2.2 in vivo Implantation

As illustrated in Fig 4.1, the cylindrical shaped (6 mm X 2 mm) test and control
implants of 4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2 and Biograft® HABG respec-
tively, were implanted in rabbits to study bone healing. The implants were sub-
jected to ultrasound cleaning in distilled water for 10 min, dried overnight at 70 ºC
in a hot air oven (Memmert GmbH) and sterilized by autoclaving at a pressure of
15 psi at 121 ºC for 15 min. All the animal experiments in the study were carried
out with prior approval of the Institute Animal Ethics Committee (IAEC).

Both test and control materials were implanted in the femur of 10 New Zealand
White Rabbits (Sctb: Nncl NZW) of body weight more than 2 kg and of either
sexes as per ISO 10993-6. The experimental animals were anaesthetized with
xylazine (5 mg/kg body weight), ketamine (35 mg/kg body weight), and midazo-
lam (0.3 mg/kg body weight) and maintained by continuous propofol infusion
(0.4 mg/kg body weight/min). The animals were controlled on lateral recumbency
and a linear incision was made on the cranio-lateral aspect of the thigh under
standard aseptic precautions. The shaft of the femur was exposed after a blunt
dissection through the junctions of the tensor Fascia Lata and Vastus Lateralis
muscle. Three cortical defects of approximately 2.5–3 mm diameter were created
approximately 10 mm apart in the mid shaft of each femur with a 1.5 mm drill
using surgical micromotor (SUNI TM, Expert system SATELEC, France) with
continuous saline irrigation. Each experimental animal received 3 test implants
(Sr-containing glass ceramic designated as LG26Sr) in the left femur and 3 control
implants (designated as HABG) in the right femur. A total of 30 numbers of
LG26Sr and 30 numbers of HABG implants were implanted. Each implant was
pre-soaked with saline and press fitted into the defect (Fig. 4.1). Implant position
was confirmed by radiography. The surgical wound was closed in layers. Both
ceftriaxone (20 mg/kg body weight) and meloxicam (0.25 mg/kg body weight)
were administered intramuscularly for 5 days post-implantation.
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At 4 and 12 weeks post implantation, 5 animals were euthanized by an overdose
of thiopentone sodium at each time period (total of 15 LG26Sr and 15 HABG
implants at 4 and 12 weeks). Also, the implantation sites were grossly examined for
healing of bone defects. The femurs with the implant materials were removed and
fixed in 10 % neutral buffered formalin.

4.2.3 Explantation and Histopathological Analysis

At different timepoint of rabbit sacrifice (4/12/26 weeks), all the experimental
animals were euthanized by an overdose of thiopentone sodium. Also, the
implantation sites were grossly examined for healing of bone defects. The femurs
with the implant materials were removed and fixed in 10 % neutral buffered for-
malin. In order to prepare thin sections for the histological analysis, the cross-
sectional blocks of bone with the test/control implant were cut using a low speed
saw (ISOMET 2000, Beuhler). Subsequently, the blocks were further fixed in 10 %
neutral buffered formalin and they were further dehydrated in ascending grades of
alcohol. Following this, the blocks were cleared in alcoholic acetone (1:1 v/v)

Fig. 4.1 Gross images of a
rabbit femur immediately
after the implantation of
a HA-bioglass composite
(control) and b strontium
containing glass ceramic (test)
[58, 69]
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mixture and immersed in two changes of 100 % alcohol. Prior to embedding the
blocks in Polymethyl methacrylate resin, the bone blocks were washed twice using
methyl-methacrylate. A number of serial sections (100–150 µm thickness) of
implant with adjacent bone were machined from resin blocks using a high speed
precision diamond saw (ISOMET 5000, Beuhler). The sections were further ground
and polished using a variable speed grinder-polisher (ECOMET 3000, Beuhler).
Subsequently, all the thin sections were stained with Stevenel’s blue, followed by
counter staining with Van Gieson’s Picro-Fuchsin. Several images from
bone/material interface were captured from the stained thin sections using a
trinoccular light microscope (NIKON Eclipse 600, Japan)., attached with a digital
camera (DXM1200, Nikon).

4.2.4 Bone Labeling

The polychromatic fluorescence labeling of mineralizing tissues during the process
of osteogenesis in vivo was performed using sequential administration of three
different fluorescent dyes, namely Xylenol orange, Alizarin red and Calcein blue in
a measured manner (see Table 4.1). It is known that during mineralization process,
these fluorochromes, at the timepoint of administration are permanently deposited
in tissues by the process of chelation [31]. According to dosage and timeline
mentioned in Table 4.1, one animal received intramuscular injections of the
fluorescent dyes in test and control group, respectively. For the purpose of iden-
tifying the amount and location in order to analyze the time sequence of the
regeneration process within 26 weeks of follow-up period, the thin histology sec-
tions were mounted on glass slides for fluorescence microscopic analysis.

The flurochrome labeled new bone deposition was identified by observing
selected unstained sections under a fluorescence microscope (Nikon E 600, Tokyo,
Japan) and the fluorescence images were captured using a DXM 1200 camera
attached to the microscope. The G-2A filter with specific filter set up for red

Table 4.1 Flurochrome dosage schedule used in vital staining during the implantation in the
present work

Experimental animal
groups

Time point and fluorochrome dosage

2 weeks 4 weeks 8 weeks

4 weeks group Xylenol orange
(25 mg/kg)

– –

12 weeks group Xylenol orange
(25 mg/kg)

Calcein blue
(7 mg/kg)

Alizarin red
(10 mg/kg)

2 weeks 12 weeks 20 weeks

26 weeks group Xylenol orange
(25 mg/kg)

Alizarin red
(10 mg/kg)

Calcein blue
(7 mg/kg)
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(excitation: 530–560 nm, emission: 580 nm) and orange (excitation: 546 nm,
emission: 580 nm) was used in order to excite the used fluorochromes at their
optimal wavelength.

4.2.5 Micro-CT Analysis

The retrieved control and test implant samples along with host bone tissue after
26 weeks of implantation were first fixed in 10 % neutral buffered formalin and
thoroughly washed with PBS. Subsequently, the implants with host bone tissue
were placed at the center of the measurement chamber of high-resolution X-ray
micro-computed tomography (µCT 40, Scanco Medical, Switzerland) and scanned.
The scanning parameters used were as follows: slice thickness/slice increment—
16 μm; X-ray beam energy—70 kV and X-ray intensity—114 μA. In particular, the
specific area of the scanned region containing one implant was selected and the
reconstruction of the selected region was made using the cone beam convergence/
back projection algorithm-based software. Based on the density variation of the host
bone and the implant, the 3D image of the implant was extracted on the basis of the
distinction between ROI (region of interest) and VOI (volume of interest). Overall
scan time was 3,00,000 microseconds and the entire scan distance varied typically
in the range of 12,000–16,000 µm. From the experimentally measured scanned
region of the implant and neighboring host bone, a cylindrical region of interest
(ROI) was selected for analysis and this corresponds to the cortical bone during
implantation. In order to evaluate bone regeneration within the defect, ROI is
further sectioned transversely as top, medium and bottom sectioned and radially as
outer, inner shells and core. Typical dimension of the ROI around each of the
investigated implant for the BV/TV calculation and other histomorphometrical
analysis is, 16.384 mm (X-dimension) × 16.384 mm (Y-dimension) × 4.528 mm
(Z-dimension). ROI can be easily distinguished on the basis of density variation
between the implant and the host bone. Following the convergence/back projection
algorithm, thresholds were suitably applied to images of each sample in order to
segment newly formed bone from residual implant. After thresholding, the bone
volume (BV) was determined by counting the total number of bone voxels and
multiplying by their known volume, while total volume (TV) by counting bone and
non-bone voxels. Apart from bone volume fraction (BV/TV), the bone mineral
density (BMD) was also measured. Bone mineral density, or BMD is defined as the
amount of bone within a mixed bone-soft tissue region within a medullary volume
of interest containing trabecular bone. The in-built algorithm protocol of the
application software supplied with the µCT 40 machine was used for the thresh-
olding and subsequently obtaining BMD values across the implant/neobone using
the established formula, which incorporates the attenuation coefficient. Briefly, two
rods of CaHA with varying density of 0.25 and 0.75 gm/cc were used for cali-
bration purpose and the diameter of the rods was 2 mm to match the implant
diameter used in the present study.
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4.2.6 Statistical Analysis

The experimental results were analyzed with commercially available software,
SPSS 19 (IBM, USA) to assess the statistically significant difference between the
properties of different samples at p < 0.05 and n = 5. Dunnett’s t test (2 sides) was
used to find the significant difference between the samples, and the results were
compared with the early stage of osseointegration, i.e. 4 weeks.

4.2.7 Bone Morphometric Analysis

In the present work, the analysis of the micro-CT results has been made in reference
to the following aspects: (a) morphology of neobone and implant material in three
dimensions after careful reconstruction of a number of slices and extracting the host
bone from the reconstructed image, (b) grey scale image revealing how the implant
was placed into the cylindrical defect at the intramedullary region, (c) bone min-
eralization of implant as measured by the bone mineral density on 2D micro-CT
images and (d) 3D colour images to evaluate the thickness variation of the tissues
on and around the implant surface. As far as the first aspect is concerned, the 3D
morphology of the implant after 4 and 12 weeks of implantation revealed a rough
surface morphology with a high ratio of bone volume (BV) to total volume (TV). It
was clear from extensive micro-CT analysis that both the HABG and LG26Sr
implants were in physical contact with the neighboring host bone. Surface mor-
phology of both implants at both time periods revealed a rough surface. As shown
in Fig. 4.6, the BV/TV ratio significantly increased from 0.62 to 0.81 for LG26Sr
implant with increasing implantation time from 4 to 12 weeks. On the other hand,
in the case of HABG control implant, the BV/TV ratio increased only from 0.77 to
0.80 with increasing implantation time from 4 to 12 weeks, respectively. Such
observations clearly reveal excellent bone regeneration at 4 weeks for the HABG
control implant, while bone regeneration was comparable after 12 weeks for both
LG26Sr and HABG (Fig. 4.6c, d). Overall, the CT images suggested that the
LG26Sr implant showed a good integration with the bone within the cylindrical
defects, irrespective of the implantation time (see also Fig 4.7).

The quantification of the bone mineralization density (BMD) of the newly
formed bone and the BMD distribution graph across the 2D slices showed extre-
mely high values of around 2800 mg HA/ccm, irrespective of the implantation time
of up to 12 weeks. However, the baseline BMD value remained almost similar for 4
and 12 weeks of implantation in the case of the control implant (not shown).
Additionally, in the case of the control implant, a perfect continuity of the newly
formed bone with the surrounding host bone was observed at all time points. In
contrast, a sharp increase in BMD over a few micrometer of width as one crosses
from the host tissue to the test implant (LG26Sr) was recorded at all the time points
(not shown). This increase as well as much higher BMD in the case of the test
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implants must be due to a higher mineral density of the test implants (prior to
implantation), used in the present study. Nevertheless, the density (BMD) of the
newly formed bone on both test and control implants was uniform throughout the
tissue construct.

In order to illustrate more details, 3D colour tomography images of the test
implants after 4 and 12 weeks are shown in Fig. 4.8. After 4 weeks of
post-implantation, the test implant was found to be covered with tissues of around
1 mm of thickness with focal thickness of 1.5 mm or above (Fig. 4.8a), indicating
good integration in the osseous system. Similarly, the entire LG26Sr implant in the
intermedullary cavity of the cylindrical defect was covered uniformly by relatively
thicker tissue of 2 mm or above after 12 weeks post-implantation (Fig. 4.8b). As
far as the first aspect is concerned, the 3D morphology of the implant after
26 weeks of implantation is characterized by a rough surface morphology with a
high ratio of bone volume (BV) to total volume (TV). It was clear from extensive
micro-CT analysis that both the HABG and LG26Sr implants were in physical
contact with the neighboring host bone (see Fig. 4.8). As shown in Fig. 4.8, both
the control and test implants were in physical contact with the neighboring host
bone. Tissue growth around the implant was suggested by some finer features
present in the CT-images (Fig. 4.8). The color scheme attached to 3D color
tomographs also indicate tissues of various thickness of up to around 2 mm were
attached to both the test and control implants. Overall, the micro-CT analysis
suggested that the LG26Sr implant showed a good integration with the host bone
within the cylindrical defects after 26 weeks of implantation.

In order to illustrate the robustness of micro CT technique over conventional
histological analysis, some representative 2D histology slices are provided in
Fig. 4.9 and the regions of new bone formation are sufficiently delineated with dotted
lines on Figs. 4.9a and 4.9c. When one compares histology images with micro
computed tomograms, one can clearly realise the ability of the latter to reliably
quantify bone regeneration. Further, Figs. 4.8 and 4.10 reveal the grey scale and
colour contrast images of the implant surface in 3D space after different time of
implantation. On the basis of extensive micro CT analysis BV/TV ratio measured
with test implant (LG26Sr) and control implant (HABG) are plotted in Fig. 4.11. In
order to investigate the statistical significance in terms of the bone regeneration
among the samples, Dunnett’s t test was used and Fig. 4.11 reveals the statistically
significant increase in BV/TV ratio after 8 and 12 weeks of implantation w.r.t early
stage osseointegration (4 weeks) in case of LG26Sr test implant at the 95 % con-
fidence level. However, the significant increase has been recorded only at 12 weeks
post-implantation for HABG control implant, when compared to 4 week
post-implantation at p < 0.05 and no significant difference between the results
obtained after 4 weeks or 12 weeks. Overall, the systematic increase in bone volume
fraction with implantation time was more pronounced in case of LG26Sr test
implant. Importantly, the bone regeneration for both the implant groups in terms of
BV/TV ratio was comparable and the difference was not statistically significant at
p < 0.05. Summarizing, the BV/TV ratio in the case of LG26Sr increased signifi-
cantly with implantation time, implying greater bone regeneration capability with
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time. The much more new bone deposition at the LG26Sr interface in comparison to
that deposited to the HABG interface as early as 2 weeks post implantation was also
evident by flurochrome labeled images (Figs. 4.4 and 4.5). Furthermore, the radio
opacity of LG26Sr implants was an added advantage for clinical identification.

4.3 in vivo Osseointegration

After 26 weeks of implantation, all the experimental rabbits recovered well from
the previously mentioned surgical procedure, as revealed from physical gross
examination. Also, all the animals gained weight and overall, the wound healing
was found to be uneventful. Both the test and control implants were intact and the
periosteal surface was completely covered with new bone, making identification of
implants difficult by gross examination in both groups (see Figs. 4.2a, b). A closer
look at the X-ray radiograph in Fig. 4.2b clearly revealed the outline of three test
implants, indicating stable placement at the cylindrical femoral defects. However,

Fig. 4.2 a Gross images of
rabbit femur with 100 %
Sr-substituted glass ceramics
after 26 weeks
post-implantation b X-ray
radiograph showing
radio-opaque test implants
(LG26Sr glass ceramic
samples) on the left limb and
less radio-opaque control
(HABG) on right limb of an
experimental rabbit [69]
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such visual difference between control implant and neighboring bone is not clear in
Fig. 4.2. It is possible that newly formed bone is completely integrated with host
bone and also underwent mineralization over 26 weeks of implantation. The
mineralized new bone has similar density to host bone in the defect region, leading
to the difficulty in distinguishing the control implant from host bone.

4.3.1 Histological Observations

All implants were found to be press fit in the cavities in cortical bone. In all the
histology sections, cortical and trabecular bone were oriented in a vertical direction
from the host bone to the implant surface. All implants were rectangular and
irregularly porous and present in the cortical bone and extended into the marrow
space. The HABG implants appeared yellowish brown (see Fig. 4.3a) and LG26Sr
implants were greyish white under bright field microscopy. Both in case of HABG

Fig. 4.3 Histological images
of host bone/implant interface
in the case of test implant
(LG26Sr) after implantation
of a 4 weeks and
b 12 weeks [58]
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and LG26Sr implant site, foci of bone remodeling with rosettes of osteoblasts and
osteoclasts were noted at the interface. Foci of ossified bone matrix, osteoid and
cells were observed in the pores and grooves of both the implant groups (Fig. 4.3).
Mature new woven and lamellar bone with Haversian systems were observed both
at the periosteal and endosteal aspects of the cavity with new bone deposition with
osteoid and osteoblasts extending onto the implant in marrow space in both the
implant groups. Thin layers of woven bone were also seen on the implant surface in
marrow space in both the implant groups. There was no evidence of inflammation
or bone necrosis at the implant site in both the implant groups. Multiple areas of
indistinguishable apposition were noticed between the bone and the implant. It may
be of interest to mention here that in a recent study carried out by Tripathi et al.,
osseointegration of polymer-ceramic hybrid biocomposites with similar histological
features was observed in a rabbit model at the bone-implant interface [17].

For the Sr-substituted glass ceramic, the foci of ossified bone matrix, osteoid and
cells were observed (Fig. 4.3). Apart from other similar observation to that of control
implant, some additional histological observations are as follows. The osteoblasts
were observed at the bone implant interface. Bone ingrowth was evidenced by foci of
ossified bone matrix, osteoid and cells inside the implant in both groups. Importantly,
very close apposition of the implant with host bone was clearly observed.

4.3.2 Bone Labeling

The identification of the time point of bone formation was made using polychro-
matic fluorochrome labeling. It can be reiterated here that the polychromatic
fluorescent stains using calcium-binding flourchromes are deposited at various
active sites of biomineralization in vivo with different fluorochrome colors pro-
viding sequential information regarding accretion and progression of bone forma-
tion [32, 33]. In Figs. 4.4 and 4.5, all the intravitally administrated fluorochrome
labels were clearly visible with alizarin red providing red signatures. The accu-
mulation sequence of these fluorochrome labels indicated that initial bone formation
started at the periphery of the bone defects and the active ingress of new bone.
A clear enhancement of bone formation on the surface of the LG26Sr ceramics was
clearly observed and this is comparable with the control implant (Fig. 4.4). The first
signature of ossification was observed on the implant surface after 4 weeks of
implantation, indicating that the bone formation started as early as 2 weeks
post-implantation (see Table 4.1). In Fig. 4.5, the intravitally administrated bone
seeking fluorochrome labels are clearly visible with alizarin complexion providing
red fluorescence. The accumulation sequence of these fluorochrome labels indicate
that initial bone formation started at the periphery of the bone defects and the active
ingress of new bone is observed in Fig. 4.5. The abundant bone formation with
progressive spreading of mineralized tissues was observed in case of both LG26Sr
(test) implants. Importantly, any sign of adverse tissue reaction or any osteolytic
process could be recorded in any of the thin sections. A clear observation of the
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fluorescence images in Fig. 4.5 reveals that 12-week label in case of 26-weeks
samples could be observed more extensively throughout the samples, demonstrat-
ing bone apposition throughout the implant. Since we do not find any significant
difference in the fluorochrome label patterns between the HABG and LG26Sr, it
may be worthwhile to state that the investigated implant composition is as bioactive
as the control implant in rabbit model.

It was clear that thin region of neobone spanning over 100 µm or larger width
exists in case of both control or test implant. The irregular boundary marking the
interface of neobone with host bone was another feature to be noted. More
importantly, the neobone formation around the test implant (LG26Sr) was
observed, as could be realized by the distribution of red fluorescent regions. In
summary, the histological, fluorescence and confocal microscopy of thin
bone/implant sections together qualitatively establish the excellent bone regenera-
tion ability of LG26Sr implant over 26 weeks of implantation, which was as
comparable as that of a known bioactive implant (HABG).

Fig. 4.4 Fluorescence
images of host bone-implant
interface, at 12 weeks
post-implantation to illustrate
the deposition of new bone at
the interface with HABG
(a) and LG26Sr glass-ceramic
(b), as evident from the
flurorescent labeling/staining
with xylenol orange [58]
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The studies related to the in vivo biocompatibility of calcium phosphate-based
biomaterials [34–37] are much more in comparison to glass-ceramics [38–40].
Gauthier et al. [39] studied the efficacy of biphasic calcium phosphates (BCP) with
two different pore sizes of 80–200 µm or 200–500 µm using implantation experi-
ments for 6 weeks in critical sized bone defects in a rabbit animalmodel. An extensive
use of micro-CT analysis revealed a high interconnectivity of the newbone structure
with more quantified bone volume being measured with BCP of 80–200 µm size
(BV/TV = 38.5 ± 5.5) in comparison to BCP of 200–500 µm (BV/TV = 24.8).
Vogel et al. reported the bone regeneration ability of bioglass particles of three
different compositions (45S5:45SiO2–24.5Na2O–24.5CaO–6P2O5;52S:52SiO2–

21Na2O–21CaO–6P2O5 and 55S;55SiO2–19.5Na2O–19.5CaO–6P2O5, all compo-
sitions in wt%), when implanted in the distal femoral epiphysis in rabbits for 7, 28 and
84 days [41]. A major observation of this study was the in vivo degeneration of the

Fig. 4.5 Fluorescence
images of host bone-implant
interface after 26 weeks of
implantation, stained with
xylenol: implant site on
control sample (a) and
neobone formation around the
test implant (b). The red
stained region indicates the
biomineralised bone [69]
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investigated bioglass particles either to Sr-rich remnants or to CaP-rich shells as well
as the finding of higher number of multinuclear giant cells (MNGC) on the degraded
bioglass remnants. In another study, the same research group reported an increased
number of MNGC with increasing implantation time from 28 days to 84 days with
the highest number of MNGCs being measured in the case of the widely researched
45S5 bioglass [40]. In a relatively recent study, Gorustovich et al. reported the
effectiveness of Sr-containing 45S5 bioglass for bone tissue repair in a rat model [38].
The addition of 6 wt% SrO to substitute for CaO in 45S5 bioglass did not cause any
statistically significant difference in bone bonding behavior in terms of affinity index,
being measured as the neobone length in contact with the implant surface (expressed
as % of total length of implant) after 30 days of implantation in rat tibia. The overall
affinity index (*89 %) of 45S5-6 % SrO bioglass is quite notable after implantation
in rat tibia for 4 weeks. The histomorphometric analysis revealed an increase in the
affinity index from 73.6 ± 3.5 % after 3 months to 85.2 ± 2.7 % after 6 months of

Fig. 4.6 Microcomputed tomographs showing three-dimensional morphology of newly formed
bone over residual LG26Sr based test implant after implantation of a 4 weeks and c 12 weeks as
well as HA-bioglass based control implant after implantation of b 4 weeks and d 12 weeks [58]
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implantation. Importantly, 45S5 bioglass had much larger affinity index in the rat
model than that measured (30–60 %) with an identical glass composition in a rabbit
model after similar implantation period, as reported by Vogel et al. [40]. In another
study, Li et al. reported the progression of bone bonding of Sr–HA based bioactive
bone cement into the cancellous bone of the iliac crest of rabbits [42].

4.4 Discussion

The long term stability of an implant in an appropriate animal model as well as
evaluation of bone regeneration over longer implantation time (>6 months) is an
important issue in the field of bone-tissue engineering applications [43, 44]. The
longevity of orthopaedic prostheses depends upon the implant fixation and inter-
facial stability. Aseptic loosening and failure of an implant are often reported due to

Fig. 4.7 Representative
Microcomputed tomographs
showing three-dimensional
morphological features of
newly formed bone over
residual HA-bioglass based
control implant (a) and
LG26Sr based test implant
(b) in the cylindrical defects,
post-implantation for
26 weeks in rabbit model[69]
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instability and incomplete anchorage at the bone/implant interface [45]. There are
different approaches to improve the stability and anchorage and these approaches
include bioactive fixation using compositionally tailored biomaterials, cemented
fixation, mechanical bone implant interlocking, etc. The results summarized in this
chapter illustrate the bioactive fixation of a Sr-containing glass ceramic, based on
the glass composition 4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2. From the implant
perspective, a non-toxic surface is essential for the migration, attachment and
proliferation of the osteoblasts in vivo [46, 47] and this has been assessed in the
present work primarily using histology images and micro-CT analysis. Both the
implants, i.e. control (HABG) and test group (LG26Sr glass ceramic) are irregularly
porous. New bone deposition with osteoid also extended from the periosteal and
endosteal aspect of cortical bone onto the implant in bone marrow space in both
groups (see Fig. 4.9).

Fig. 4.8 3D micro CT
tomographs in color contrast
of the neobone around
LG26Sr based test implant at
two different time points:
a 4 weeks and b 12 weeks.
The color scheme shows the
variable thickness of around
1 mm higher in the neobone
area [58]
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As far as the in vivo biocompatibility is concerned, only 45S5 bioglass received
some attention. For example, Blencke et al. [43] reported the long-term stability of
the ceravital glass ceramics (SiO2–CaO–P2O5–Na2O–MgO–K2O) in rat model for
implantation period of up to 30 months. The absence of osteoclastic activity or
giant cells was noted. In a different study, the histomorphometrical analysis
established good bone formation around NiTi shape memory alloys in vivo during
26 weeks of periosteal implantation in rat model [44]. Hőland et al. [48] reported
the interfacial reactions between host bone and SiO2–Al2O3–MgO–CaO–
K2O/Na2O–F–P2O5 glass ceramics in guinea pig model. Based on electron
microscopy coupled with XRD analysis after implantation of up to 16 weeks, it was
concluded that the interfacial reaction involves an initial slight solubility of glass
ceramic, followed by solid state epitaxial layer-like growth of apatite on host bone.
Also, the typical width of interfacial reaction zone is around 5–10 µm. In a later
study, Kitsugi et al. [49] extensively used SEM-EPMA analysis of the interfacial
region between various types of apatite containing glass ceramics and rabbit tibia at
various post-implantation period of up to 12 months (48 weeks). Interestingly, the

Fig. 4.9 Representative photomicrographs of thin histology sections of host bone-implant
interface after 26 weeks of implantation: implant site on control implant, HABG (a, b) and test
implant, LG26Sr (c, d). The region marked with dotted lines and bold arrows in (a and c) indicates
significant neobone formation along either side of the implant with large amount of ‘cap-like’
neobone on the periosteal surface [69]
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width of reactive zone does not increase beyond 6 months and a maximum inter-
facial zone width of 70–80 µm was measured with apatite-wollastonote based glass
ceramics. Apart from the above mentioned studies on bulk glass ceramics, the glass
ceramic coated metallic implants are also investigated for in vivo biocompatibility
property. In one such study, Wheeler et al. [50] reported greater bone growth
around 45S5 glass coated Ti than HA-coated Ti over implantation of up to
16 weeks in unloaded distal femurs of juvenile rabbits. A better osteointegration is
also associated with superior histomorphometric property (*3.2 µm/day mineral
apposition rate for porous 45S5 coating) and biomechanical shear strength prop-
erties (4.8 N/mm2 for 45S5 coatings). However, long term stability of 45S5 bio-
glass coatings on metallic implant was not investigated. Overall, long term
implantation for 26 weeks in rabbit model is not commonly carried out and that too

Fig. 4.10 Representative 3D micro-CT tomographs in color contrast (a) and grey scale
(b) showing implant as well as regenerated tissue around HABG control implant; 3D micro-CT
tomographs in color contrast (c) and grey scale (d) of implant as well as neotissue around LG26Sr
test implant, all after 26 weeks of implantation in rabbit model [69]
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rarely reported for a glass ceramics. This places major relevance for the present
study.

Among various glass ceramics, some material compositions are found to be
either unsuitable in producing an optimum balancing effect between biological
response, physico-mechanical behaviour in vivo or a lack of machinability/
castability to desired shapes [51]. The cytotoxicity and mechanical integrity of the
implants predominantly depend on the stability of its surface, while the release of
the different ions and molecules also inhibits the appropriate host response and bone
regeneration [52]. It is reported that slow leaching of the limited amount of fluoride
stimulates the cell growth and even the radiological examination supports that
present glass ceramics enhances osteoblastic activities during in vivo bone growth
[53]. One of the reasons for this, probably the generation of fluroapatite phases,
which exhibits significantly good biocompatibility behaviour due to the formation
of apatite layer on material surface and this, is essential for bone tissue-material
bonding. However, an excessive amount of fluoride release may exhibit cytotoxic
response. Previously, there have been several studies on different glass ceramic
systems [54, 55] to investigate the biomechanical response, but no in vivo study
related to calcium alumino silicate glass ceramics and more specifically for LG26
composition series (4.5SiO2–3Al2O3–1.5P2O5–(3-x)CaO–(2-x)CaF2) has ever been
reported. The present study therefore adds the long term stability and osseointe-
gration property of 100 % Sr-substittued glass ceramics. It may be further added
that the control implant (HABG) used in the present work is a unique bioactive

Fig. 4.11 Plot of the ratio of bone volume (BV) to total volume (TV) for the test implant
(LG26Sr) and control implant (HABG), as measured using micro-CT analysis after implantation in
rabbit femurs for different timeperiods. (*): Significant difference (statistical) in terms of BV/TV
ratio in case of LG26Sr implant with respect to 4 weeks implantation data at p < 0.05. (#):
Significant difference in terms of BV/TV ratio in case of HABG implant with respect to 4 weeks
implantation data at p < 0.05. The data are represented as mean ± SE [69]
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composite, characterized by osteoinductive properties. Some recent studies reported
a faster healing of bone defects using HABG and based on such studies, the efficacy
of such implant materials in repairing intra-bony defects including bone cavities and
defects arising due to cyst, tumour or trauma is established [56, 57]. From the above
discussion, it is therefore apparent that the LG26Sr test implant is as bioactive as the
control implant. It can be further mentioned that the early stage osseointegration of
the presently investigated LG26Sr implant over the short term implantation of up to
12 weeks in the rabbit model is reported [58]. This study together with the present
work therefore establishes the in vivo biocompatibility of the glass ceramics with
the nominal composition of 4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2 over a broad
spectrum of implantation period.

In attempts to characterise bone regeneration property, researchers have used
various tools, apart from histopathological analysis. It is worth mentioning that
multiple characterisation techniques, including histology, micro-CT, fluorescence
microscope are effectively utilised to evaluate the influence of Sr- doping/
substitution on bone regeneration capability in a qualitative/quantitative manner in
the present work. It may be worthwhile to mention that the purpose of incorporating
Sr in the glass ceramics was to confer radiopacity. Apart from this aspect, Sr2+ ions,
when substituted for Ca2+ does not disrupt the glass structure and understood to
have a negligible influence on fluoride release [59]. Moreover, strontium pre-
dominantly contributes to the bactericidal activity of the implant [60, 61] with
sustained release of Sr2+ ions in vivo. In a unique study to characterize the fine scale
compositional changes at the cortical or cancellous bone with Sr–HA cement, Ni
et al. utilized the time-of-flight secondary ion mass spectrometry (ToF-SIMS) [62].
The important results of this study are worthwhile to mention. An extremely thick
interface of 70 µm at cancellous bone/Sr–HA cement is characterized by high ionic
intensity of Ca, P, Sr, Na and O, whereas a much thinner interface of 1 µm (low
ionic intensity) was observed in the interface with cortical bone. The morphological
and compositional differences indicated the precipitation coupling mechanisms at
the host bone/implant interface. It can be speculated that similar phenomenon may
take place at the host bone/test implant interface in the present case.

The influence of 100 % Sr substitution on good in vivo biocompatibility can be
additionally explained on the basis of the following consideration. Systemic
administration of strontium ranelate (SR) has been found to improve fixation of
hydroxyapatite (HA) —coated titanium screws in ovariectomized (OVX) rats [63].
The present incorporation of Strontium in glass ceramic assures a regular delivery
of strontium to host and new bone, thus facilitating good bone deposition. This
would definitely improve fixation of joint prosthesis and concurrently reduce
activation of osteoclasts and prevent long term host bone resorption. Further in vitro
studies with osteoclasts and long term in vivo studies in animal models of osteo-
porosis are required to find out the beneficial effect of strontium in older patients
with joint replacement. At the closure, the relevance of the results discussed in the
present chapter can be reiterated. The aseptic loosening of joint prosthesis over long
term implantation has resulted in the release of ultrafine particles, which initiates a
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series of events beginning with the influx/activation of a large number of inflam-
matory cells, release of cytokines and stimulation of host bone remodeling cells, the
osteoclasts, which together leads to bone resorption. Osteoporosis, a commonly
reported disease among post-menopausal women and the ageing population, is
characterized by an imbalance in the functionality of osteoblasts (bone forming) and
osteoclast (bone resorption) cells, leading to the disruption of bone remodelling
[23]. This consequently makes the bone porous and prone to fracture. The pre-
vention of such bone resorption is a primary requirement for maintenance of the
implant in the elderly patients, who otherwise have to undergo revision surgery. In
future, studies should be conducted with Sr-bioglass using osteoporotic animal
model.

It is worthwhile to mention here that the commercially available SrR (Strontium
ranelate) drug combines two atoms of stable strontium with the organic moiety,
ranelic acid. The biophysical role of SrR appears to be through the strontium
cations themselves, which have been shown to work both in vivo and in vitro by
stimulating osteoblasts to make new bone and preventing osteoclasts from
resorbing bone, leading to the restoration of the normal bone remodelling balance
[64]. It has also been proposed that Sr, like Ca, can stimulate the Ca–sensing
receptors at the cell membrane of osteoblast cells. These, in turn, influence RANKL
production and reduce the osteoblast proliferation or even can cause apoptosis. The
enhanced proliferation and differentiation of osteoblasts in the presence of Sr is
believed to increase the neobone formation and this is the result of the stimulation
of homeostatic local hypercalceuria around the implant [65–68]. Further study
using osteoclasts in vitro and large animal study with the presently investigated test
implants is warranted to realize the clinical efficacy.

4.5 Closure

This chapter presents a case study to demonstrate the in vivo biocompatibility
100 % Sr-substituted glass ceramic based implants with nominal composition of
4.5SiO2–3Al2O3–1.5P2O5–3SrO–2SrF2, based on the histopathological, poly-
chrome sequence labeling, micro-CT analysis. Overall, the experimental results
summarized in this chapter establishes the following aspects: (a) non-biodegradable
and osteoconductive nature, (b) long term implant stability and osseointegration,
(c) dynamic bone healing and progressive bony reconstruction/bone formation both
around periosteum and endosteum regions of bone defect (d) direct biological
contact between host bone and implant material. Overall, this chapter discusses the
long term in vivo biocompatibility of 100 % Sr-substituted glass ceramics,
emphasizing the fact that the abundant presence of strontium does not adversely
affect the bone regeneration and remodeling processes [58, 69].
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Chapter 5
Microstructure and Composition
Dependent Physical and Cytocompatibility
Property of Glass-Ceramics for Dental
Restoration

5.1 Background—Materials for Dental Restorations

In last few decades, glass ceramics (GC) are being developed for repair and
replacement of damaged tissue [1, 2]. In the development of GC, the base glass is
heat treated in a desired temperature—time window and crystals of various mor-
phology and amount can form. Because of the presence of crystalline phase, glass
ceramics have more favorable mechanical and biological properties than pure glass.
Numerous clinical trials have shown intergrowth between glass-ceramics and
human bone [3]. The important clinical applications of glass ceramic are related to
the repair of skeletal system, which is composed of bone, joints and teeth. In order
to achieve better combination of physical and biological properties, a number of
researchers attempted to tailor composition and properties in various GC systems,
which include SiO2–CaO–Na2O–P2O5, SiO2–CaO–MgO–P2O5–F, SiO2–Al2O3–

MgO–CaO–Na2O–K2O–P2O5–F. An important group of these materials i.e. mica
containing glass ceramics received wider application due to their high machin-
ability, which is attributed to the unique microstructure of an interlocking array of
plate-like mica crystals, dispersed throughout a glassy matrix [4, 5].

Hench’s study first demonstrates that bioactive glasses (45S5 series) and bioactive
glass-ceramics belong to two different classes of bioactive implants, i.e. Class A and
Class B, respectively, due to large differences in the rate of bone bonding [6].
Machinable bioactive glass-ceramics containing microcrystalline phases of mica and
apatite can be considered as class B bioactive implants [7]. Also, machinable glass
ceramics are potential materials for dental restorations due to possibility of achieving
a combination of high machinability, matching mechanical properties with natural
teeth, bioactivity and finally, good aesthetics [8–11]. In the development of bioactive
materials, Bioglass [12, 13], Ceravita [14], Apatite–Wollastonite (AW) glass-
ceramic [15, 16] and dense hydroxyapatite ceramic [17, 18] have been well char-
acterized for clinical applications. These materials either have a close chemical
resemblance to bone mineral, or they provide an intimate contact with the
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surrounding tissue. However, owing to their brittle nature, their applications are
limited to cases, where the mechanical stresses, particularly under low tensile stress.
Therefore, a better combination of high strength, hardness, appropriate E-modulus
and good in vitro biocompatibility property is an essential requirement for bioma-
terial; not only because they ensure reliability and long lifetime, but also because they
are the indispensable factors that govern the performance and osteoconduction [19]
between the implant and living tissue, when used under load-bearing conditions
in vivo. Among the bioactive materials mentioned above, A-W glass-ceramic has
been reported to have the best mechanical properties and also shows excellent
bioactivity in prosthetic applications [20–22]. Quinn et al. [23] reported the influence
of microstructure and chemistry on the fracture toughness of various ceramics.
However, all the materials mentioned above are not machinable and they do not have
a good combination of mechanical properties. To this end, it is easier to process
mica-based glass-ceramics with good mechanical properties into surgical parts with
various complex shapes by using normal clinical machining methods [24].

Like other glass-ceramics, the properties of machinable glass-ceramics depend
on the type, sizes and volume fraction of the primary crystalline phases [7]. Also,
the microstructures as well as properties are sensitive towards base glass compo-
sition (e.g. fluorine content). The presence of fluorine in the base glass enhances
phase separation, and phase separation usually precedes the crystallization. In the
glass system of the MAS type (MAS: MgO � A12O3 � SiO2), fluorine has the role of
a nucleating agent [25]. Radonjić and his co-workers [25] demonstrated that when
fluorine content in glass is high, nucleation starts at relatively lower temperature.
Cheng et al. [26] also reported that fluorine source has an effect on the crystal-
lization behavior of the glass ceramics (GC) system. They established that with the
NaF as the source of fluorine, only surface crystallization occurs. In contrast, with
MgF2 as the source of fluorine, uniform bulk crystals can form.

Apart from crystallization/microstructure development aspect, the in vitro dis-
solution/leaching of glass ceramics also depends on glass composition or crystal
morphology. In a study on the dry unlubricated sliding behavior, Park et al. [27]
demonstrated the dominating influence of the amount and orientation of wollas-
tonite phase on the hardness and wear of the Apatite–Wollastanite (A–W) GC. The
wear resistance of the material decreased as the wollastonite amount is decreased. In
different work, Xiao et al. observed that the frictional properties of CaO–MgO–
Al2O3–SiO2 (CMAS) glass-ceramics were related to the contact pressure and
sliding speed, while plastic deformation and recrystallization were identified as
dominant wear mechanisms during sliding tests in dry conditions [28]. The tribo-
logical study with Dicor glass-ceramic against alumina revealed higher COF of 0.8
in dry conditions [29]. Based on the Hertzian contact studies, it was argued that the
wear of mica-containing Macor GC is controlled by the short-crack toughness as
well as by the size and volume fraction of mica plates [29].

GC is also a good candidate material for the dental implant, and the primary
requirement for successful use of GC for dental applications is the anchoring and
attachment with bone tissue. Therefore, it is necessary to use different kinds of
connective tissue cell line like, L929 fibroblast and osteoblast like cell Saos-2 and
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such cells must be interfaced with the implant material. Harrison et al. studied the
differentiation of embryonic stem cell (ES) on hydroxyfluorapatite [11]. It was also
reported that fluroapatite mullite coating on biomaterial surface has capacity of
osteoblast differentiation [30]. in vitro study of cell viability/proliferation on the
surface of a biomaterial is an indicator of biocompatibility and can be evaluated by
MTT assay and cell adhesion test [11, 31].

Liu and co-workers studied behavior of mica/apatite glass-ceramics in simulated
body fluid (SBF) solution and found good bioactivity [32]. in vitro bioactivity of
wollastonite glass-ceramic materials were carried out by Alemany et al. and the
formation of Hydroxyapatite (HA) layer on the material surface was observed after
immersion in SBF [33]. The HA forming ability of CaMgSi2O6–Ca5 (PO4)3F–
CaAl2SiO6 glass ceramics has also been reported by Salama and co-workers [34].
Verne et al. found that antimicrobial effect of Ag based bioglass is due to leaching
of Ag from the glass matrix, change in pH and ionic strength. Brook et al. studied
the in vitro effect of leached ions on viability of cells and conclude that fluoride ions
exhibited mild toxicity effect on the osteoblast and fibroblast cells [35]. Moreover,
leached ions significantly affect the microbial growth and adhesion on sample
surface. Soljanto et al. concluded that bacterial growth inhibition depends on the
concentration and size of the material, such as fluorapatite and glass beads etc., in
the culture medium [36].

The present chapter is a summary of our ongoing research in the area of glass
ceramics. In our recent work, the development of some unusual spherulitic-dendritic
crystals as well as their in vitro dissolution properties are reported. One of the
sensitive element in K2O–B2O3–Al2O3–SiO2–MgO–F glass compositions is fluor-
ine and therefore, this present study investigates the aspects of microstructure
development as well as properties when fluorine content in base glass is varied over a
narrow range. This chapter will demonstrate the following aspects: (a) how the
characteristically different crystal morphologies can be developed with variation in
F− content in the narrow window of 1–4 %, (b) how one can develop GC with
superior combination of hardness, strength and E-modulus by designing both base
glass combination and heat treatment condition and (c) in vitro dissolution and Ca–P
rich layer formation and in vitro cytocompatibility.

Three compositions with varying fluorine and B2O3 content in the K2O–MgO–
Al2O3–B2O3–SiO2–F were investigated in author’s research group and discussed in
this chapter. (Table 5.1).

Table 5.1 Compositions of base glass (in wt%) [9]

Starting materials Precursor constituent M1 M2 M3

Qurtz powder SiO2 47.98 48.94 42.57

White tabular alumina Al2O3 17.62 16.29 17.81

MgO powder MgO 19.36 17.45 18.80

K2CO3 K2O 8.25 7.15 7.81

Boric acid (H3BO3) B2O3 5.17 5.25 10.02

NH4F/MgF2 F− 1.08 3.85 2.53
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5.2 Microstructure-Mechanical Property Correlation

Glass batches with desired compositions were mixed using agate and mortar and
thereafter, melted in a platinum crucible at 1550 °C for 2 h using electrical furnace.
The glass melts were cast into a cast iron mould to form plates, and then annealed
for 2 h in the temperature range of 600–650 °C and such annealing conditions were
selected in order to avoid nucleation at this stage. Two-stage heat-treatment has
been done to crystallize the glass and to convert it into glass ceramics. Nucleation
was done in the temperature range of 750–850 °C. The crystallization experiments
were conducted in the temperature range of 1000–1120 °C, employing varying time
of holding from 4–24 h. XRD analysis of the temperature variation batches (heat
treated for 12 h in temperature range of 1000–1120 °C) for the M1 sample revealed
predominant presence of fluorophlogopite in all the samples. Variation in peak
intensity of various crystalline phases was observed with different temperatures
during crystallization heat-treatment of sample M1 (Fig. 5.1). Similar results were
also obtained for M2 and M3 glass ceramics, heat treated at 1040 °C (not shown).
A closer observation and comparison of XRD spectra in Fig. 5.1 suggest that the
large diffuse and broad peak of base glass, as noticed in the 2θ range of 15–35°, has
been decomposed to a number of sharp peaks with varying intensity. Such peaks
were identified as fluorophlogopite peaks. In addition to such observation, X-ray
peak at lower 2θ = 9° is recorded in M1 GC compositions. Besides this, many
peaks, identified for Fluorophlogopite (FPP) phases have also been detected in the
higher 2θ angle range (See Fig. 5.1).

The detailed SEM analysis was carried out to study crystal shapes, size and size
distribution in various heat-treated glass-ceramic samples of varying composition. In
the following, some characteristic crystal morphology for some selected samples has
been discussed to illustrate the influence of base glass composition and/or heat
treatment conditions on crystallization behavior. In Fig. 5.2, SEM images of M1
glass-ceramic, crystallized at 1040 °C for 12 h are provided. The presence of large
rod like crystals, aligned in specific directions can be clearly observed in Fig. 5.2a, b.
In Fig. 5.2a, the presence of residual glass can also be observed. In addition, the
boundary between two microstructural regions having rod like crystals, aligned in
two different orientations has also been identified by dotted line in Fig. 5.2a. From
Fig. 5.2b, it is clear that the characteristic crystals have 3–5 µm in width and also a
large aspect ratio. EDS analysis of the residual glass in Fig. 5.2a indicates strong
O-peak, as well as peaks of Si and Mg of equal intensity. In contrast, the EDS
analysis of the crystal show Mg-peaks of highest intensity (Fig. 5.2c), followed by
Si and Al (both having equal intensity). Clearly, the relative intensity of O− peak
from crystals is much less than that of residual glass. From such observations, it
should be clear that the crystals are relatively Mg rich. SEM observation of Fig. 5.2b
reveals that crystals are unidirectionally oriented and glassy droplets are dispersed on
crystals. EDS analysis of the glassy phase demonstrates characteristic stronger peaks
of oxygen, with Si and Mg peaks of comparable intensity. In Fig. 5.2d, SEM images
of the sample reveal the presence of crystal domain boundary, which are formed by
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the intersection of crystals growing from different directions. These crystal domain
boundaries are distinctly visible in Fig. 5.2d and the boundary between different
crystals is marked with dotted line.

As far as the crystallization is concerned, highly oriented unidirectional crystals
were obtained for the M1 samples, under all heat-treatment conditions. The analysis
of the chemical composition of the crystallized M1 samples reveals lower content of
fluorine (1.08 %), as compared to other glass samples of M2 and M3. Fluorine acts
as the nucleating agent in the investigated system. As the composition of the glass
samples of M1, M2 and M3 is suitable for FFP crystal formation, it is expected that
the phase-separated glass has grown to form fluorophlogopite crystals. With ref-
erence to the sheet like structure of FPP, the composition of the system was selected
in such a manner to create deficiency of cross-linking species potassium, for
facilitating unidirectional growth. With less amount of nucleating species F− and
therefore, having very less number of nuclei sites in the phase-separated glass, the
unidirectional growth mechanism of crystals is enhanced. In glass ceramics based
on M1 composition, the unidirectional growth of crystals can be related to the
inherent crystal structure and base glass compositions.

In the following, the kinetics of crystallization behavior is analyzed. The crystal
volume fraction were calculated from the SEM images of all the samples using
image analysis and adopting basic stereological concepts (point counting method on

Fig. 5.1 XRD plot of the
heat-treated M1 glass ceramic
samples, crystallized at
varying temperatures with a
constant time of 12 h [9]
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a grid paper superimposed on a number of SEM images), the data reveal that M1
sample heat treated at 1040 °C for 12 h has the maximum average crystal volume
of 85 % and M2 sample heat treated at 1040 °C for 12 h has the average crystal
content of 71 % and M3 sample heat treated at 1040 °C for 12 h has average 75 %
crystals. Most important findings from the present observation are that with an
increase in fluorine content in the glass composition, the amount of crystal content
decreases. The variation of crystal content with duration of crystallization time for
M1, M2 and M2 sample has been provided in Table 5.2.

Among many theoretical models, the most widely used John-Mehl-Avarami
(JMA) equation [37, 38] has been used to determine the activation energy for
isothermal crystallization of mica glass ceramics:

10 µm

(a) (b)

(c) (d)

Fig. 5.2 SEM micrographs of M1 glass ceramics crystallized at 1040 °C for 12 h. a Oriented
mica crystals meeting at a line to form a crystal domain boundary. b Orientation of Individual mica
rods of diameter about 2–3 μm. c Oriented crystals of different morphology meeting at a domain
boundary. d Highly oriented crystals are meeting at a point forming envelope like crystal
morphology. The crystal domain boundaries are identified by the dotted lines in (a) and (d) [9]
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�lnð1� xÞ ¼ ðKtÞn ð5:1Þ

where x is the crystallized fraction, t is the crystallization time, n is Avarami index;
and K is a constant, which can be expressed by Arhenius equation,

K ¼ t exp ð�Ec=RTÞ ð5:2Þ

where T is the absolute temperature of crystallization, Ec is the activation energy of
the crystallization and υ is the frequency factor, assumed to be as 2.88 × 1011 s−1

(Table 5.3).
Based on the experimental results provided in Table 5.2, the Avarami index

(n) was found to be 1.39 for M1 samples, 0.51 for M2 samples and 0.80 for M3
samples. It can be mentioned here that much higher value of n = 3.4 is reported for
nucleation and crystallization of tetrasilisic fluormica crystals in Dicor glass ce-
ramics. Additionally, the activation energies were found to be 272, 403 and
401 kJ/mol for M1, M2 and M3 samples, respectively. Such values are higher
compared to the activation energies of Dicor glass ceramics (203 kJ/mol). Among
the three samples, for M1 sample, Avarami index was maximum and also the
activation energy for crystallization was lower than that of other two samples. This
indicates that the rate of growth is higher than the other two samples. The activation
energies for crystallization are comparable for M2 and M3 samples, despite dif-
ferences in base glass composition.

The hardness of the heat-treated glass ceramic samples is measured by acquiring
micro indentation at an indent load of 40 gm and the average diagonal length of the
hardness impression is calculated. For selected glass-ceramic samples i.e.M1,M2 and

Table 5.2 Variation in crystalline content (measured using conventional stereology technique)
obtained with different crystallization heat treatment experiments [9]

Sample Heat treatment condition Crystal volume fraction (%)

M1 1040 °C, 12 h 85

1040 °C, 6 h 75

M2 1040 °C, 12 h 71

1040 °C, 6 h 58

M3 1040 °C, 12 h 75

1040 °C, 6 h 55

Table 5.3 Composition of Artificial Saliva. AR means analytical reagent grade [9]

Material Amount (gm) per 1 L of distilled water Comment

NaCl 0.4 99.9 % pure, AR grade

KCl 0.4 99.5 % pure, AR grade

CaCl2 � 2H2O 0.795 99.5 % pure, AR grade

NaH2PO4 � 2H2O 0.78 99 % pure, AR grade

Na2S � 9H2O 0.005 99.9 % pure, AR grade

Urea 1 99.5 % pure, AR grade
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M3 composition, heat treated at 1040 °C for 12 h, the micro hardness measurements
were carried out and the hardness as well as crystal volume fractions are plotted
together in Fig. 5.3a. The SEM image of indent impression was taken on M1 sample
with 40 gm load has been provided in Fig. 5.3b. SEM image reveals clear indent
impression on the sample surface and the propagation of radial cracks from indent
corners. The maximum hardness value of 8.2 GPa is found for the M1 sample.
Whereas, maximum hardness values of the other two samplesM2 andM3were found
to be 6.5 and 4.9 GPa, respectively. These hardness values are well above the pre-
viously reported hardness of Macor, which is not more than 2–3 GPa [19]. As
expected, highest hardness is measured for GC with maximum crystal volume frac-
tion, which is in agreement with the findings of the previous researches [33]. Other
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Fig. 5.3 a Plot of variation of average hardness and crystal volume fraction of M1, M2 and M3
glass-ceramics heat treated at 1040 °C for 12 h. Around 20 % variations in hardness value were
measured and b SEM image of indent impression on M1 sample with 40 gm load. The dotted lines
in (b) indicate the indent edges [9]
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than the amount of crystal present, the aspect ratio and interlocking between the
crystals also play an important role in determining the hardness. Crystals with larger
aspect ratio i.e. longer crystals are able to form an effective interlocking [33]. More
amount of interlocking in the glass ceramic material actually helps in stopping the
cracks more effectively, thereby enhancing the plastic deformation of the material. In
the present case, M1 sample, due to the presence of highly oriented crystals with
higher aspect ratio compared to the M2 and M3 samples, exhibit high hardness. For
M2 and M3 samples, hardness values do not commensurate well with the crystal
volume fraction. This is because of the fact that the crystal morphologies in these glass
ceramics are different from M1 glass ceramic.

The basic mechanical properties i.e. flexural strength (3-point) and E-modulus of
selected samples (M1 and M2, both heat treated at 1040 °C for 12 h) were mea-
sured. The experimental results reveal that a combination of relatively higher
strength (94 MPa) and lower E-modulus (57 MPa) could be obtained in M1
samples. In contrast, a little lower strength of 80 GPa with better E-modulus
property (69 GPa) was measured with M2 sample (see Table 5.4).

As mentioned in Sect. 3.2, the evaluation of basic mechanical property reveals
better hardness and strength property of M1 GC compared to that of M2 GC (see
also Table 5.2). From the microstructure-mechanical property correlation point of
view, it appears that higher volume fraction of crystalline phase and highly oriented
‘envelop’ like crystals are beneficial to obtain such better mechanical properties.
However, E-modulus of M1 GC is lower than that of M2 GC. In many of the
published research articles on GC, such a comprehensive measurement of all basic
mechanical properties is not presented. Nevertheless, some published data on

Table 5.4 A comparison of mechanical property with earlier developed glass-ceramics/bioglass [9]

Material Hardness
(GPa)

Strength E-modulus
(GPa)

Mica-apatite
glass-ceramics

2.8–4.8 – –

Macor GC *3 – –

SiO2–Al2O3–MgF2
(MAS)

4–7 – –

MgO–Al2O3–SiO2–TiO2 9.5 – –

Dicor 3.5 127 (biaxial) 66.9 GPa

MGC glass ceramics – – 49.5–70.5

Dental enamel 3.4–4.6 66.2–91.1

45S5 bioglass – 40–60 (bending) 30–50

A/W glass-ceramic – 215 (bending) 35

KGy213 ceravital – 77–88

M1 8.2 ± 1.5 94.9 ± 14.0 (3 point
flexural)

57.6 ± 2.8

M2 6.4 ± 1.2 80.6 ± 7.7 (3 point flexural) 69.7 ± 2.9
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hardness or E-modulus have been collected and a comparison with mechanical
properties of various other glass-ceramics is made in Table 5.4. The properties of
Dicor glass ceramics (commercially produced dental implant material) and natural
enamel has also been compared with the glass ceramics developed in the present
study. From the data provided in the Table 5.4, it is quite clear that strength and
E-modulus properties obtained in our system is comparable with both the Dicor and
dental enamel. However, hardness property measured in our system is much higher
i.e. almost double than that of the Dicor/enamel. It is also clear that the mechanical
property (flexural strength, E-modulus) measured in the present system can be
compared with other glass ceramics/Bioglass (from Table 5.4). But little higher
hardness of 9.5 GPa has been reported only for MgO–Al2O3–SiO2–TiO2 (MAST)
system. The major crystalline phases in those glass-ceramics include Mg–Alumino
silicate, Mg–Alumino titanate etc., and in the presence of such phases in the MAST
system, machinability is expected to be very poor. Other mechanical property data
is not reported for MAST system. However, comparative hardness in the range of
4–7 GPa were measured by Goswami et al. [39] in magnesium aluminium silicate
glass-ceramics system. From the above discussion, it should be clear that the heat
treatment of K2O–B2O3–Al2O3–SiO2–MgO–F glass ceramics composition at
1040 °C for 12 h, in the present study, enables us to obtain glass-ceramics with an
exceptionally higher hardness of around 8.2 GPa and better combination of strength
and E-modulus.

Summarizing, it has been demonstrated here that how higher crystal content and
envelop-like crystal morphology can attribute to the high hardness and mechanical
properties in the present machinable glass ceramics system. Our observations also
reconfirm earlier literature results that the mechanical properties of glass-ceramics
are not only dependent on the crystalline phase and their volume fraction, but also
highly related to the spatial arrangement of the crystals.

5.3 Biomineralisation in Artificial Saliva

The in vitro dissolution of the heat-treated samples was assessed in artificial saliva.
M2 samples (heat treated at 1040 °C for 12 h) were selected for in vitro dissolution
test for various reasons (see Table 5.1 for composition). Firstly, this glass ceramic
sample contains least crystal volume fraction of about 71 % and lesser amount of
crystal content in a glass ceramic has been reported to give better dissolution
property. Secondly, its hardness value was moderate (6.4 GPa) compared to human
dental enamel (4 GPa) and therefore is more suited for dental restoration purpose.
SEM-EDS analysis of the surface of the sample immersed in AS for different time
periods of 2, 3, 6 and 8 weeks were carried out in order to assess the extent of Ca–P
layer formation on the surface (Fig. 5.4). The observation of the SEM images in
Fig. 5.4a reveals the formation of thin surface layers after testing for 3 weeks. With
increase in further leaching time for 6 weeks, spherical particles of diameter 2–3 μm
were observed to disperse densely and uniformly on the surface (Fig. 5.4b). EDS
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analysis of spherical particles indicates the strong peaks of Ca, P and O, thereby
confirming the formation of Ca–P compounds. Further, the analysis of EDS data
indicates that the composition of those spherical brighter contrasting particles, which
cover the majority of surface area, can be characterized by Ca–P ratio of 1.57
(average). Ca–P compounds are highly bioactive and therefore, the formation of
these layers on the glass ceramics sample is a good indication of the bioactive nature
of the developed glass ceramic.

CaP

O

(a)

(b)

Fig. 5.4 SEM observation of
glass-ceramic surface (M2
sample, heat treated at
1040 °C for 12 h) after
immersing in AS solution
for a 3 weeks and b 6 weeks.
EDS analysis of the brighter
particles in (b) has been
provided as inset [9]
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5.4 Wear Resistance in Artificial Saliva

The tribological experiments were performed using a computer-controlled fretting
machine, which produces linear relative oscillating motion with ball-on-flat con-
figuration. The fretting tests were carried out in ambient conditions in air without
using any lubricant (dry conditions), and using AS medium with selected param-
eters of 1 N load, 8 Hz oscillation frequency and 100 µm (gross slip regime) linear
stroke length. The composition of AS is given in Table 5.3. The experiments were
done for different test durations of 5000, 10,000, 50,000 and 100,000 cycles.

The wear rate data for the investigated GC materials is presented in Fig. 5.5.
Irrespective of environment, the wear rate systematically decreases with the fretting
test duration. It appears that the wear rate for the investigated glass ceramics in the
selected tribological environment varies in the range of 10−4–10−5 mm3/Nm.
Considering the application of extremely low load (1 N) and also low sliding
velocity (much less than 0.1 m/s), the wear rate of the investigated GC against steel
is one order of magnitude higher than that of various structural ceramic materials
(typical wear rate *10−6 mm3/Nm), investigated earlier in our group [40]. Such
difference is obvious to expect because of much lower hardness of the presently
investigated GC materials. However, when compared with other GC materials, the
wear rate of the investigated GC is at least one order of magnitude lower. Further, it
is evident from Fig. 5.5 that wear rate is less in AS medium than in dry conditions
at any given test duration. The wear rate decreases systematically from 3.5 × 10−4

to 1.2 × 10−5 mm3/Nm during fretting of GC in dry or AS environment. After
fretting for 100,000 cycles, a maximum wear rate of 9 × 10−5 mm3/Nm is mea-
sured for GC in dry conditions, while a minimum wear rate of 1 × 10−5 mm3/Nm
for GC in AS medium. From the above observation of lower magnitude of wear rate
and decreasing trend in wear rate with test duration, longer durability or better wear
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Fig. 5.5 Wear rate of glass
ceramics after fretting in dry
and AS medium for different
time duration. Around
10–15 % deviation around the
reported data were measured
in our experimental results
[11]
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resistance during long-term application of the presently investigated GC could be
expected.

In order to understand the nature of dominant mechanisms during the wear
process, detailed SEM-EDS analysis of worn surfaces of investigated GC samples
was conducted after fretting against steel in different environment. Some repre-
sentative SEM images of the worn surfaces at different stages (number of cycles) of
fretting are presented in Fig. 5.6.

Fig. 5.6 SEM image
illustrating the overall fretting
damage experienced by
glass-ceramic plate, after
tested against steel ball at 1 N
load for 100,000 cycles, 8 Hz,
100 μm stroke length in a dry
and b AS medium.
The doubly pointed
arrows indicate fretting
directions [11]
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The severity of the pull-outs is further increased with increase in number of
cycles (100 k) in dry conditions (Fig. 5.6). Further, Fig. 5.6b reveals the formation
of thin layer fragments and their smearing on the worn surface after 100 k cycles.
The characteristics of the worn surface after 100 k cycles in AS medium include the
formation of potential tribolayer protecting the base surface, the dispersion of fine
debris around the periphery of the wear scar and the brittle nature of the tribolayer
with number of cracks. In addition, the tribochemical layer is observed to have fine
grooves in the fretting direction, indicating mild abrasion due to the sliding of hard
debris particles (see Fig. 5.6d).

Although the friction data and details of wear mechanisms at different timepoints
of the interrupted fretting tests are not discussed in this chapter, a comparison of
such properties with that of other glass-ceramics/bioglass is provided in Table 5.5.
Looking at this table, it is apparent that the frictional properties of M2 grade
glass-ceramics is comparable with that of the natural tooth, when both can be slided
against steel counterbody. As far as wear resistance is concerned, the M2 grade
glass-ceramics has a lower wear rate than that of Dicor, although a difference in
counterbody needs to be considered (see Table 5.5).

Table 5.5 Summary of the tribology test results obtained with some of earlier developed glass
ceramics as well as human teeth and comparison with the presently investigated GC. The variation
in friction/wear rate depends on the variation in operating conditions [11]

Tribocouple Operating
conditions

COF Wear rate
(mm3/
N/m)

Wear mechanisms

Human teeth versus
steel

20 N, dry/AS
0.002 m/s

0.8–1.2
(dry) 1.0
(AS)

– Oxidative wear and
microfracture

Human teeth versus
Al2O3

1 N, AS;
0.0005 m/s,
8,000 cycles

0.12–
0.55

– Fretting fatigue;
adhesive wear

Dicor versus Al2O3 4.9 N,
0.0014 m/s, dry

0.7–
0.077

2.6*10−3 Microfracture

Dicor versus Al2O3 1 N, 0.0025 m/s,
distilled water

0.4–0.6 10−3 to
10−4

Localised fracture

CaO–MgO–Al2O3–

SiO2 (self-mated)
0.01–0.5 m/s;
dry; contact
pressure- 0.1–
1.4 MPa

0.05–
0.65

10−3 to
10−4

Microcracking,
abrasion

MgO–CaO–SiO2

P2O5–F versus ZrO2

10 N, 0.025 m/s,
dry

0.75 0.7*10−4 Abrasive and
adhesive wear

K2O–B2O3–Al2O3–

SiO2–MgO–F (M2
grade) versus steel

1 N, 0.0016 m/s,
dry/AS; 100,000
cycles

0.88
(dry);
0.67
(AS)

12*10−5

(dry);
2*10−5

(AS)

Tribomechanical
wear (dry);
tribochemical wear
(AS)
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5.5 Cell Proliferation and Differentiation, in vitro

In this study, Mouse fibroblast (L929) and Human osteoblast like cells (Saos-2) cell
lines were used for cell-culture experiments. Figure 5.7 presents the scanning
electron microscopic evidences of the cellular adhesion of SaSO2 cells on control
M1, M2 and M3 GC after 72 h of culture. It can be noted that osteoblast-like cells
(SaOS2) is differentiated and specialized cell line. From Fig. 5.7, it is clear that
osteoblast-like cell SaOS2 shows the characteristic morphology and adhesion on
GC samples, which support the cell proliferation (a coordinated process of growth
and division) and cell–cell contacts. It has been observed that cell proliferation and
cell-to-cell contacts are more in M2 and M3 GC sample as compared to M1 sample.
However, cell fattening with very little actin cytoskeleton protrusions were noticed
on the M1. In contrast, cells were fully spread on M2 and M3 samples with multiple
lamellae extended in all the directions. Alkaline phosphatase, an ectoenzyme

Fig. 5.7 SEM micrographs of adhesion and spreading behavior Saos-2 Osteosarcoma cell on
a Control, b M1, c M2 and d M3 GC samples. The Dorsal ruffles, microspikes and filipodium are
formed on the M1 surface, whereas M2 and M3 show Lamellipodia. The control material shows a
normal osteoblast flattened morphology without any actin filament extension [10]

5.5 Cell Proliferation and Differentiation, in vitro 113



produced by osteoblast is involved in the degradation of inorganic pyrophosphate
for mineralization to support the differentiation of cells.

The functionality of proliferated SaOS2 cells was further studied by examining
the production of alkaline phosphatase. It needs to be mentioned here that Saos-2
cell line are already in differentiated stage and the purpose of carrying out ALP
assay is to assess whether further differentiation of SaOS2 cell line is supported by
investigated glass ceramics. It can be further noted that most of the SaOS2 cells of
same passaging stage, having same differentiated stage, are seeded on all the three
glass ceramic surfaces. Therefore, difference in ALP expression should primarily be
attributed to difference in substrate composition or difference in ability of GC to
promote further differentiation. The characteristics ALP activity of Saos-2 on
control and the GC sample was assessed after 7 days of culture. M1 sample showed
highest ALP activity and significant difference was noticed between the M2 and M3
sample with respect to control (see Fig. 5.8). The ALP activity decreased signifi-
cantly in M2 and M3 sample, when compared to control sample. Based on the
statistical significance analysis at p < 0.05, ALP activity on different GC can be
ranked as M1 > M2 > M3.

5.6 Bactericidal Property, in vitro

The bacterial strain of Staphylococcus epidermidis and Escherichia coli were used
to assess the in vitro antimicrobial properties of the glass ceramic samples. Since
bacteria culture is not discussed in any details in a previous chapter related to

Fig. 5.8 Alkaline
phosphatase (ALP) activity of
the Saos2 cells on M1, M2
and M3 GC and control
(Gelatin coated glass cover
slip) after 7 days of culture in
osteogenic medium. The cells
were seeded initially at a
density of 3*105 cell/ml. *
represents significant
difference at p < 0.05 among
sample sand error bars
correspond to ±1.00 SE [10]
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biocompatibility, the bactericidal assay is discussed below in details. The above
mentioned bacterial strains can be procured in the freeze dried condition from an
authorized source, like the American Type Culture Collection (ATCC). Prior to
seeding bacteria on the sample surface, they are to be inoculated in a Luria-Bertani
broth, supplemented with yeast and beef extract, and culture was incubated over-
night at 37 °C. In order to obtain pure culture, the streaking on agar plate was done
with suspension culture to isolate the single colony. The single colony is to be
picked from the agar plate and inoculates in the freshly prepared Luria-Bertani
broth. The culture is then incubated over night for growth. The pure suspension
culture of bacterial density of 1 × 107 CFU/ml/well can be used for seeding on the
samples. The seeded samples are incubated and bacteria allowed to adhere up to
4 h. Subsequent to the incubation period, the surface is rinsed with PBS and then
soaked in primary fixative of 3 % glutaraldehyde, 0.1 M sodium cacodylate, and
0.1 M sucrose for 45 min. The surface is washed twice with PBS buffer. The cells
are dehydrated by replacing the buffer with ethanol series 30, 50, 70, 95 and 100 %
for 10 min each and then, further dried by 100 % hexamethyldisilazane (HMDS)
for 10 min. The dried samples are sputter coated with gold and examined under
SEM. Turbidometric analysis is usually performed after 4 h of incubation.
Followed by washing sample with PBS, each sample is placed in 3 ml volume of
PBS solution and vortexed sufficiently to remove the adherent bacterial cell from
the sample surface. Subsequently, the sample is removed from PBS and optical
density (OD) of PBS suspensions is measured at 660 nm wavelength using UV-VIS
spectrophotometer. The bacterial adhesion on the sample surface was expressed in
terms of optical density (OD).

Figure 5.9 presents representative SEM images, revealing bacteria adhesion and
antimicrobial properties against Gram-positive S. epidermidis bacteria after 4 h of
incubation on the test samples in vitro. On the basis of the statistical analysis of the
optical density results (Fig. 5.10) as well as SEM observation, M1 and M2 GC
shows the bacteriostatic effect (adherence, but not killing of bacteria) against Gram
positive bacteria, whereas M3 samples show bactericidal effect (killing of bacterial
cells) compared to other two samples. SEM images also reveal noticeable difference
with respect to control sample in terms of antibacterial property. It was clear that
there was no colonization and biofilm formation of S. epidemidis on the surface of
GC samples. After 4 h incubation of S. epidemidis, the number of bacterial colony
forming unit adhered on control material was approximately 1*107 CFU/ml. In
contrast to control material, the number of CFU adhere on M1, M2 and M3 GC
were approximately, 1.2*106 CFU/ml, 1.38*106 CFU/ml and 0.96*106 CFU/ml,
respectively. Overall, M3 sample showed highest antimicrobial activity with
approximately 16 % of CFU/ml was observed as compared to the control material.

This observation can be attributed to the difference in composition of glass
ceramics. From Table 5.1, it should be clear that M3 contain 2.53 % F− and
42.57 % SiO2; while M2 has 3.85 % F− and 48.94 % SiO2. Despite higher fluorine
content, M2 has less quantified antimicrobial property (84 % CFU/ml in M3 vs.
77 % CFU/ml in M2) than M3. It appears that higher amount of SiO2 in M2
suppresses beneficial effect of F− as far as bactericidal effect is concerned.
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It is reported that silicon oxide matrix containing any antimicrobial component
demonstrates its antimicrobial activity against Gram-positive as well as
Gram-negative bacterium. Coppelo and co-workers also observed that presence of
1 % of antimicrobial compound in silica matrix reduces 99 % colony-forming units
(CFU) of Gram-negative bacterium [41]. However, a reduction in CFU/ml takes
place for Gram-positive bacterium, when antimicrobial compound content was
increased to 1.5 %.

Fig. 5.9 SEM Electron Micrograph of the Staphylococcus epidermidis bacteria colony after 4 h
of incubation on a Control, b M1, c M2 and d M3 glass ceramic samples [10]
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5.7 Correlation Among Microstructure, Property
and Cytocompatibility

As discussed in preceding sections, K2O–B2O3–Al2O3–SiO2–MgO–F based glass
ceramic materials offer an excellent combination of hardness, E-modulus and
strength property. It is known that the Dicor material which is being developed for
dental restorative application exhibit a modest combination of hardness (350 MPa),
E-modulus (66.2–91.1 GPa) and strength property (127 MPa). A comparison of
presently developed material with Dicor and natural enamel is provided in
Table 5.4. It should be understood that M1 or M2 glass ceramic can outperform
Dicor.

In addition, the natural human cortical bone is characterized by a combination of
mechanical property, depending on anatomical location. In particular, their
E-modulus is 80 GPa or less and they have tensile strength values varying in the
range of 60–160 MPa [42]. Although, the tensile strength is not measured in the
present case, the tensile strength of the investigated glass ceramic should be less
than the measured 3-point bending strength values (94 MPa). It is therefore,
apparent that the developed glass ceramic can mimic the cortical bone properties.

More importantly, the in vitro dissolution experiment also proves the occurrence
of Ca–P layer formation for M2 GC as well as modest level of metal ion dissolution
at the ppm level. The biomineralisation capability in vitro is expected to enhance
the bone formation capability of the M2 glass ceramic in vivo. From the above
observations, the M2 glass ceramics can be considered as a potential bone
replacement material, in particular for dental restorative application. However,
further investigation needs to be carried out in future to characterise the optical

Fig. 5.10 Mean OD value
after 4 h incubation of
Staphyloccous epidermidis on
control, M1, M2 and M3 GC.
The Initial bacterial inoculum
contains 1*107 CFU/ml. *
represents significant
difference at among samples
p < 0.05 with respect to
control disc and Error bars
correspond to ±1.00 SE [10]
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translucency, machinability and long term durability property of the developed
glass ceramics.

As far as the compositional aspect is concerned, the composition of base glass
(not starting powder mix) was measured using ICP-AES and the results are pre-
sented in Table 5.1. It is clear that the base glass has SiO2 as major constituent. As
far as amount of B2O3 is concerned, M3 has little less than two times B2O3 than that
of M1 and M2, which have almost similar B2O3 content. With respect to fluoride
concentration, M1 has lowest and M2 has highest amount, while M3 has inter-
mediate content. From the present experimental results, GC with lowest F− content
has the best cytocompatibility property.

As far as the cell-material interaction is concerned, initial attachment of cell is
mediated by the integrins, a transmembrane protein which connect the extracellular
matrix (ECM) to the cellular actin cytoskeleton through focal adhesions. It is known
that the attachment of substrate-dependent cells, such as fibroblasts and osteoblast,
to a substratum is a synchronized process, involving cytoskeleton reorganization,
cell spreading, and formation of focal contact [43]. The cell adhesion of M1
samples shows extensive network of filopodium (Fig. 5.7). These actin cytoskele-
tons were helpful in sensing and exploring the local environment during the cell-
biomaterial interaction and useful in maximizing the cell-cell contacts by poly-
merization of actin filaments. A maximum level of cell-cell contacts was observed
in the M2 and M3 sample since long and directional lamellipodium were visible
(see Fig. 5.7). The M2 and M3 glass ceramics exhibit intermediate level of actin
filament extension and it helped in maximizing the cell-cell contacts by extending
the ‘dendritic’ network of actin extension lamellipodium. In M1 sample, the cells
are more flattened with low level of actin filament protrusion [44]. It is assumed that
the actin cytoskeleton can be regulated by the ions released from the biomaterial
that trigger signal transduction event and activate a family of protein that can help
reorganization of cytoskeleton [45]. In particular, previous studies using NIH3T3
cells showed that the early spreading events are characterized by the extension of
filipodium and cell-cell contacts by lamellipodium.

It has been reported that cytocompatlibilty property can be improved, when the
B2O3 and F− was added in an optimized concentration [46]. It has been observed
that optimized concentration of B2O3, and F− improve the osteoblast cell response
and also exhibit bactericidal effect [47]. For instance, fluoride-containing HAp
supports the cellular functionality. Alternatively, if B2O3 and F− release is signif-
icantly higher, it shows the bactericidal effect [48]. The proliferating cell numbers
obtained for the fluoridated GC samples (M1, M2 and M3) were greater than
control glass cover slip, supporting the fact that fluoride has a stimulatory effect on
cellular growth [49].

In our earlier study, we reported the in vitro dissolution characteristics of the
presently investigated glass ceramics. One of the important results was the for-
mation of CaP-like layer. It should be clear that such biomineralisation ability of the
glass ceramic is one of the underlying reasons for exhibiting good cellular adhesion
and supporting osteoconduction property of the investigated glass ceramic. As far
as the release of different ions are concerned, in vitro dissolution results indicate
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that 0.16 ppm F− ions are released from M2 glass ceramic over the period of one
week (data not shown). The dissolution of K+ and Mg2+ ions from M1 glass
ceramic is much higher than M2 and M3, which have comparable metal ion
leaching rate. For M1 sample, around 225 mg/l of K+ ions and 4.75 mg/l of Mg2+

ions are leached over a period of 8 weeks. In view of the above information as well
as considering that our cell culture experiments are conducted for less than a week,
it is possible that metal ions/F− ion are released although to lower extents, from M1,
M2 or M3 glass ceramic during our in vitro testing. This is particularly true as
leaching of ions from glass ceramic is kinetically driven process and thereby, is
time dependent. From the above, it should be clear that lower F− content and
leaching of K+ or Mg2+ ions is from M1 glass ceramic, both contribute to much
better cytocompatibility.

Another factor is the difference in B2O3, a precursor for boric acid in cell culture
media. The boron derivatives seem to be more active than boric acid with respect to
the release of proteoglycans and proteins from fibroblasts, whereas boric acid is the
most effective compound for release of proteoglycans from skeleton. In a different
study, Fu et al. demonstrated that boron based bioactive glass ceramic scaffolds can
exhibit significant proliferation of the MLO-A5 as well as on bone marrow stromal
cells [50]. An important observation was that a threshold concentration of B2O3 is
essential for the optimum cell growth and above a minimum threshold of B2O3

concentration, the cellular growth was inhibited. Based on our previous results of
dissolution study, it can be said that M1 and M2 samples have good biocompati-
bility than those from M3 sample. It is also known that M1 and M2 samples contain
5.17 and 5.25 wt% B2O3, respectively. M3 sample with higher B2O3 content of
10.02 wt% shows minimum number of metabolically active cells (Fig. 5.8).
Therefore, our results are in line with earlier observations that cellular functionality
is inhibited at higher B2O3 concentration and the minimum threshold, as indicated
by Fu et al. [35], should lie in the present case somewhere between 5 and 10 wt%.

It has been reported in literature that B2O3 on material surface or in solution
stimulates the activity of intra and extracellular protease, which play a vital role in
increasing the ECM and wound healing process. The ALP activity on GC is a
phenotypic marker for early-stage differentiated osteoblasts. In M1 sample, the
highest percent of viability of metabolically active cell is measured, when compared
to other two compositions further corroborate highest ALP activity in the M1
sample. From MTT results of metabolically active cells, it is clear that after 2 days
of culture, % viability decreased, due to leaching of F− ions in culture media, which
affects the cytocompatibility. The specific ALP enzyme activity was highest at the
later stage of the cell growth. In view of the above observation as well as looking at
Table 5.1, it appears that lower F− content also favors cell viability and support
osteoconduction property.
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5.8 Summary

The influence of various ceramising treatments on the microstructure development,
mechanical, biomineralisation, tribological and cytocompatibility of three different
K2O–B2O3–Al2O3–SiO2–MgO–F base glass compositions is discussed to illustrate
how the concepts of material science can be integrated with relevant aspects of
biological sciences to develop glass-ceramics for dental restorative applications. In
particular, F− content in base glass is varied in the range of 1.08–3.85 % and a set
of heat treatment experiments were carried out at 1000–1120 °C for different time
duration of 4–24 h. The variation in fluorine content has a marked influence on the
crystallization kinetics as well as crystal morphology. The Avrami constant is
highest (*1.4) and the activation energy of crystallization is around 272 kJ/mol for
highly oriented and characteristic ‘envelope’ like crystals in glass ceramic with
1.08 % fluorine content, when heat treated at 1040 °C for 12 h. More importantly,
an adherent Ca–P rich biomineralised layer, containing spherical particles of 2–
3 μm size has been found to form in vitro on the glass ceramics surface (3.85 %
fluorine), after dissolution in artificial saliva for 6 weeks. This observation indicates
the biomineralisation capability of the investigated glass ceramic. Wear rate was
experimentally measured to be varied in the order of 10−4–10−5 mm3/Nm and a
systematic decrease in wear rate with test duration was recorded in both cases of
testing medium. A comparison with the earlier developed glass-ceramics as well as
commercial Dicor material reveals a better combination of the friction and wears
resistance property of the investigated glass ceramic. One of the important results is
that boron and fluorine component in the SiO2–MgO–Al2O3–K2O–B2O3–F glass
ceramics with fluorophologopite as major crystalline phase have significant influ-
ence on cytocompatibility, cell adhesion and cell attachment properties. The glass
ceramic with lowest F− content shows highest cell viability and also supports
osteoconduction. The glass ceramics with highest B2O3 content (10.02 %) and
moderate F− (2.53 %) exhibits best antimicrobial property against both Gram
negative (E. coli) and Gram positive (S. epidermidis) bacteria.

Based on the combination of mechanical and in vitro properties, the glass
ceramics with highest amount of F− content (3.85 %) has been proposed as a
suitable material for dental restoration purpose. Also, the particular combination of
E-modulus (69 GPa) and strength (80 MPa)/hardness (6.4 GPa) property indicates
that this particular grade glass ceramic can be alternatively used for hard tissue
replacement/bone analogue materials. However, further clinical trials are required
to confirm such potential.
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Chapter 6
Processing, Tensile and Fracture
Properties of Injection Molded
HDPE–Al2O3–HAp Hybrid Composites

6.1 Introduction

The last few decades have witnessed significant research efforts in scientific com-
munity to integrate the concepts of materials science and biological sciences in order
to develop biomaterials for orthopedic applications [1, 2]. Among various bioma-
terials, polymer-ceramic composites are investigated to a visible extent [3–6]. In last
few decades, attention is directed towards the development of polymer-ceramic
composites for load bearing orthopedic application. The concept of a ceramic
reinforced polymer composite as a bone substitute was introduced in 1981 by
Bonfield et al. [7]. They selected polyethylene (PE) in order to ensure the required
ductility, while reinforcing the matrix with brittle HA particles. The bone-analogue
concept by proposing composites comprising of a ductile polymer matrix [poly-
ethylene (PE)] and a stiff ceramic phase (HA) was initially proposed by Bonfield
et al. [8–15]. However, the lower strength, modulus and stiffness of those com-
posites, compared to cortical bone, have limited their application as load bearing
bone substitutes. Reis et al. [16] provided an alternative approach to the mechanical
performance enhancement of HDPE/HA composites fabricated using shear con-
trolled orientation in injection molding (SCORIM). Also, Pandey et al. [17, 18],
reported that HDPE–HA composite could exhibit elastic modulus of 206–531 MPa,
strength in the range of 20–24.3 MPa and % elongation at break of 8.3–163.

The main advantage of using such composites is the fact that by varying the type
and amount of reinforcing phase, their mechanical as well as biological properties
can be tailored for desired applications [19]. Polymer-ceramic composites, with
tailored modulus and strength provide advantages in comparison with pure poly-
mers, ceramics and metals for hard tissue replacement application. A myriad of
polymers have been investigated for a number of different medical applications.
Non-degradable polymers, used in orthopedic surgery, include high density poly-
ethylene (HDPE), ultra-high molecular weight polyethylene (UHMWPE), poly
(ethylene terephthalate) (PET), poly(propylene) (PP) and PTFE [20]. While
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HDPE/UHMWPE are used as articulating surfaces for total hip joint replacements
(THR), PET/PP/PTFE are used to repair knee ligaments [21]. However, the release
of HDPE particles following long term implantation, leading to chronic inflam-
mation and aseptic loosening have led to attempts to strengthen HDPE.

Attempts to enhance the mechanical performance of thermoplastic polymers
(e.g. high density polyethylene, HDPE) in order to allow for their use in hard tissue
substitute have partially relied on the use of Hydroxyapatite (HA) reinforcement.
HA with the molecular stoichiometric formula, Ca10(PO4)6(OH)2, attracted wider
attention due to its excellent biocompatibility, bioactivity and osteoconductivity
property. However, the poor compressive strength and toughness limits its appli-
cability to low or non-load bearing application to human body [22]. These com-
posites have been used successfully in clinical situations as orbital implants for
conditions such as post-enucleation socket syndrome and orbital floor fractures
[23, 24]. HAp–HDPE composites have also been used successfully as middle ear
implants. Dornhoffer et al. [25] designed two ossicular replacement prostheses with
a HAp head and a HAp–HDPE composite shaft. The properties of these HAp–
HDPE composites have also been studied extensively [26–30]. A review of
available literature reveals that the HDPE–HAp composites can have a combination
of properties, including E-modulus of 200–530 MPa, strength of 20–24 MPa, and a
large strain to failure of 200 % or more, when fraction of HAp is varied from 10–
50 %, respectively [31]. It is recognized now that any improvement in mechanical
properties of polymer-ceramic composites requires better interfacial adhesion
between the reinforcement and the matrix. If load transfer is not effective across the
interface, mechanical properties cannot reach expected values.

In an effort to further enhance the mechanical properties, recent research efforts
are invested to develop HDPE–HAp composites with Al2O3 reinforcement [4].
Alumina has been chosen as the second reinforcing material because of its good
biocompatibility, high wear resistance, and stability in physiological environments.
Initial feasibility study was carried out using compression molding route, and the
results demonstrated that improved physical properties (E-modulus, hardness), low
COF, good wear resistance and, more importantly, that good cytocompatibility
property (cell adhesion) can be favorably optimized by simultaneous addition of 20
vol.% Al2O3 and 20 vol.% HAp–HDPE matrix [3–6]. Therefore, it is believed that
the HDPE–HAp–alumina could be a promising candidate material for orthopedic
applications. Nevertheless, detailed mechanical properties in terms of tensile
behavior and toughness measurements were not conducted in our earlier study and
the application of such materials also demands the requirement of their process-
ability to complex shapes using a commercially viable manufacturing route.

This chapter elucidates a systematic investigation of the role of polymer, ceramic
and coupling agent on injection molding of HDPE–HA–Al2O3 hybrid biocom-
posites. The objective of this chapter is to emphasize the physico-mechanical
behavior and biocompatibility of the composites, including the cell adhesion, cell
viability, protein absorption and osseointegration.
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6.2 Injection Moulding

Powder injection molding is a relatively new technology that extends the complex
shaping capability of plastic injection molding into other high performance mate-
rials such as metals and ceramics [32, 33]. This process has found a niche in the
area of manufacturing moderately high volume of small, extremely complex shaped
components from various high performance materials. The process of powder
injection molding typically consist of four major steps: feedstock preparation,
injection molding, debinding, and sintering. In some special cases, the actual part is
the as-molded material which is made by injection molding an intimate mixture of
an organic component (generally a polymer) with some inorganic powder(s). The
inorganic powder can be a metal, alloy, ceramic, or a mixture of these materials. In
our case, the organic component is the HDPE and the inorganic particulate material
is an equal-volume mixture of alumina and HAp.

In the context of HDPE–HA–Al2O3, the mechanical properties would critically
depend on interfacial bonding between the reinforced material and the matrix
[34, 35]. The adhesion of reinforcement to the matrix can have a significant
influence on the characteristics and properties of the composites [36]. Polyethylene
is a non-polar, hydrophobic polymer, and consequently, mechanical interlocking
exists between the HA particles and the polyethylene matrix in a conventionally
processed HA–HDPE composite [37]. The chemical interaction between the filler
and the polymer will lead to much improved bonding, and hence, mechanical
properties. The addition of coupling agents provides other beneficial effects besides
improving composite blending and injection molding. The material interaction
through polar coupling and hydrogen bonding also provides good adhesion
between ceramic and polymer components.

It has been now widely recognized that the injection molding is advantageous for
industrial scale production of net shaped ceramic and metal products of complex
shapes. The major steps involved in injection molding process are powder mixing,
moulding, debinding and sintering [19, 23]. Although not very popular among
researchers, injection molding has been used in the past to shape biomaterials.
Jaroslav and Martin [38] utilized the method for the preparation of HAp ceramics.
Mondrinos et al. [39] developed a solid freeform fabrication (SFF)-based injection
molding process for the fabrication of PCL and PCL–CaP scaffolds, that displayed
in vitro cytocompatibility and suitable mechanical properties for hard tissue repair.
Joseph et al. [40] addressed the effect of surface area and morphology of HAp on
the rheology and processability of an injection-molding grade HAp–HDPE com-
posite. Bakar et al. [41] reported mechanical properties of HAp–PEEK composites,
produced by injection molding. Juang and Hon [42] prepared HAp ceramic bars by
injection molding in an effort to study the effect of calcination temperature on the
HAp powder and injection molding processability. Sahebian et al. investigated the
influence of nanosized CaCO3 addition on the toughness properties of HDPE
nanocomposites, fabricated using injection molding [43].
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6.3 HDPE Composites with 30 % Ceramic Fillers

6.3.1 Processing Related Challenges

Prior to discussing the processing results, it is important to mention the charac-
teristics of the starting powders used in the injection molding process. An attempt
made to determine the influence of ceramic loading on the processability of HDPE
composites using Injection molding route. A torque rheometer was used to deter-
mine the maximum solid loading that is possible using a mixture of the alumina and
HAp powder (in equal volume ratio). Torque rheometry measures the change in the
mixing torque with various volume loading of solid. As shown in Fig. 6.1b, the
addition of ceramic filler is associated with a concomitant drop in the mix tem-
perature and an increase in mixing torque. Around 30 volume percent of solid
addition, the mixing torque became quite erratic indicating that solid loading above
this would result in an inhomogeneous mixture. It was decided that the maximum
solids loading used will be 30 volume percent (15 v/o alumina and 15 v/o HAp).

The mixing temperature was 170 °C and the rotor speed used was 50 rpm. In
order to systematically study the ceramic filler addition, equal amount of HAp and
alumina powders were used along with HDPE to obtain a total of 10, 20 and 30 vol.
% filler composites. Pure HDPE was also processed and used as a reference sample.
The density of the pure HDPE, and the three other mixes with 10, 20, and 30 vol.%
ceramics were determined using a gas pycnometer. The volume flow rate, viscosity,
and the shear rate of the four materials were determined using an Extrusion
Plastometer. The extrusion plastometer investigations were carried out at 160 °C
using a load of 2.16 kg. Injection molding was carried out using a barrel and nozzle
temperature of 160 °C, a mold temperature of 40 °C, pressure of 3000 psi, with a
clamping force of 10 tons. During molding, the feedstock was pushed through the
sprue into a runner and then into the die cavity (either a tensile bar or a flexural bar)
through a gate. After injection molding, dog bone shaped tensile bars of dimension
21 mm (gage length) * 6.35 mm (width) * 3.84 mm (thickness) as well as flexural
bars of dimension 15.06 mm (width) * 5.07 mm (thickness) * 60 mm (length) were
obtained. During injection molding, the melt flow characteristics, like shear rate,
volume flow rate, viscosity and melt density were measured using extrusion plas-
tometer. A representative DSC run obtained with the used HDPE is provided in
Fig. 6.1a. From the DSC plot, it is clear that the melting of HDPE starts at 126 °C
with an endotherm peak around 136 °C. Total heat energy involved in the melting
of HDPE is around 149.7 J/g. From the analysis of the area under the melting
endotherm and knowing the total heat evolved for 100 % crystalline HDPE, it was
found that SCLAIR grade HDPE polymer has around 51.2 % crystallinity.
In Fig. 6.1c, both the experimental density at RT as well as melt density data at
160 °C are plotted against ceramic filler addition. An increase in the melt density
with increasing ceramic filler additions is due to an increase in the amount of the
powders, which have a higher density compared to the polymer (HDPE density of
0.95 g/cm3) in the mixes. A closer look at the data in Fig. 6.1c reveal that the
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Fig. 6.1 DSC scan of pure HDPE showing the melting endotherm (a), change in torque with
solids loading (b), theoretical and experimentally measured density at RT and measured melt
density at 160 °C at different solids loading (c), variation of viscosity and volume flow rate with
solids loading (d) and variation of shear rate with solids loading (e) [3]
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difference in density between experimentally measured values at RT and melt
density is substantial at 30 vol.% ceramic addition; whereas such difference is
comparable in case of pure HDPE and 10 or 20 vol.% filler addition.

In Figs. 6.1d–e, the melt flow characteristics for different composite composi-
tions are summarized. The error bars in data of Figs. 6.1d–e represent the standard
deviation for at least five set of experiments on each composition. It is clear from
Figs. 6.1d–e that both shear rate and vol. flow rate consistently decrease with
increasing ceramic filler addition. As the ceramic filler content increases, the ability
of the material to flow (using the same temperature and pressure) is decreased.
Thus, over the same period of time, the volume flow rate of the material is
decreased with increasing additions of ceramic filler. In contrast, both the viscosity
and melt density systematically increase with ceramic filler addition. The viscosity
of a polymeric material is generally increased with addition of particulate material.
Such increase or decrease in melt flow parameter is most significant when total
ceramic loading is increased from 20 to 30 vol.%. For example, Fig. 6.1e illustrates
how the shear rate of polymeric melt decreases in a non-linear manner with ceramic

Fig. 6.1 (continued)
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loading of up to 30 vol.%. Also, the observed trend in data is also consistent with
our observations that any further addition in ceramic loading beyond 30 vol.%
would make the melt so viscous that it would be difficult to injection mold.

6.3.2 Compositional Dependence of Viscoelastic Properties

Figure 6.2 plots the tensile test results in order to compare the behavior of three
different composites. The stress–strain curve for pure HDPE, stretched in tension at
5 and 1 mm/min crosshead speeds, shows typical viscoelastic behavior of polymers
(Fig. 6.2a), which is characterized by a yield point and large deformation at con-
stant stress level at a strength value of lower than yield strength. Interestingly, a
large strain to failure of around or more than 1000 % was measured for pure HDPE
in the present case. Such large deformation in part can be related to lower crosshead
speed used in our tests as well as large crystallinity (51.2 %) of the used HDPE.
The tensile testing at a speed lower than 1 mm/min was not possible as the
deformation exceeds the limit of the Instron machine used in the present investi-
gation. Unlike metals, the neck does not continue shrinking until the specimen fails.
Rather, the material in the neck stretches only up to a fixed drawing ratio, beyond
which the material in the neck stops stretching. The neck propagates until it spans
the full gage length of the specimen and this causes high fracture strain in pure
HDPE.

In contrast, the non-linear viscoelastic deformation is highly restricted due to
filler addition in HDPE and, as the amount of filler increases, the stress–strain
behavior more closely resembles brittle fracture (Fig. 6.2). As discussed before,
filler also influences the composite stiffness. Since the matrix is same for all the
composites, the different behaviors may be attributed to the difference in filler
amounts and more efficient load transfers between the filler and polymer. Typically,
stiffer filler prevents the elongation of a highly ductile matrix due to efficient load
transfer, ultimately decreasing the total elongation.

A general observation is that the ceramic filler addition of 10 % can increase the
E-modulus of the composite to three times compared to that of pure HDPE. The
tensile modulus was seen to consistently increase with HAp and alumina content in
the composite. This is expected, considering that the modulus of HAp and alumina
are *85 and *390 GPa, respectively [44, 45]. Importantly, the reinforcement
effect was clearly evident even with the addition of 10 vol.% of ceramic fillers. At
higher filler loading of 30 %, a significant increase in the modulus of about sixfold
was observed as compared to pure HDPE. It may be noted that a maximum elastic
modulus of close to 1 GPa has been measured with 30 % ceramic loaded HDPE
composite, which is still lower than the lower bound elastic modulus of natural
cortical bone (2–3 GPa) [16].
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6.3.3 Notched Behavior in Flexure

In the present case, long crack toughness method, i.e. SEVNB testing is adopted
and the notched samples with a sharp precrack are fractured in 3-point flexure
mode. Although the area under the stress–strain curves provides measures of
fracture toughness, a more realistic measurement was obtained in the present study
using SEVNB testing, as also followed in the work of Kim et al. [46]. For this,
V-notch was created on the tensile face of the 3-point bend samples by machining
and a sharp crack was introduced at the notch tip using a razor blade, following
ASTM standard. All the notched samples were kept in an oven at 60 °C for 30 min
to relieve the machining induced residual stress. The specimens were then fractured
using three-point bending configuration with the span length of 50 mm and
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crosshead speed of 1 mm/min on Instron 1195 machine. The mode I fracture
toughness, K1c, was determined using the following relationship [47].

KIc ¼ PQ=BW1=2
� �

f(x) ð6:1Þ

where, W = 2B and x = a/W and f(x) = 6x1/2[1.99 − x(1 − x)(2.15 − 3.93x +
2.7x2)]/(1 + 2x)(1 − x)3/2.

In the above expression, a = crack length (measured using SEM on the
unfractured samples), PQ = peak load, W = width and B = thickness.

The recorded load-displacement data are plotted in Fig. 6.3. Qualitatively, a
general observation is that the initial linear mechanical response in flexure goes
through a non-linear response prior to attaining the peak value, beyond which the
notched samples can not sustain any increased load. Although the load drops in a
non-linear manner, the entire flexure sample was not broken in case of pure HDPE
and 10 or 20 vol.% filler addition. An important observation is that the peak load is
attained at lower displacements, as the filler addition is increased and therefore, the
load-displacement curve is shifted more towards left. Similar observations have
been made in case of HDPE–CaCO3 nanocomposites with the exception that the
peak load is decreased with the second phase addition [43].

Based on Eq. (6.1), the mode I fracture toughness was determined and plotted in
Fig. 6.4. The obtained fracture toughness was in the range of 0.55–1.0 MPa m1/2,
which is close to the lower bound of natural cortical bone fracture toughness
(2–6 MPa m1/2) [48]. It is clear from Fig. 6.4 that an enhancement in fracture
toughness is only realised at the ceramic loading of 20 vol.%. An increase in the
fracture toughness essentially indicates better energy dissipation at 20 vol.% solid
loading. In general, a number of mechanisms contribute to the fracture toughness
and it is often very difficult to determine the dominant mechanism [49]. In case of
HDPE based composites, the major energy absorption mechanisms include crack
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deflection, debonding between fiber and matrix, pull-out (extraction of fibers from
the matrix), and fiber-bridging mechanism [50]. Some selected SEM images of the
fracture surfaces after SEVNB testing are provided in Fig. 6.5. The alignment of
HDPE fibers in the crack tip process zone is clearly observed. Also, the debonding
at alumina particle/polymer interface can be clearly observed in Fig. 6.5. Similar,
polymer-filler particle interfacial debonding is also noticed in other composite
compositions.

6.4 HDPE Composites with 40 % Ceramic Fillers

In another set of HDPE composites with 40 vol.% filler loading injection molding
was carried out using barrel temperature of 180 °C and mould temperature of 25 °C.
The available cooling time was 30 s. The process was followed by the back pressure
of*3 MPa. Unreinforced HDPE is designated as IS1 sample. HA powders of 40 wt
% were mixed with HDPE matrix and coupling agent to produce IS2, and IS3 is
composed of 40 wt% Al2O3 with coupling agent. Compositions made from simul-
taneous addition (40 wt% fillers (1:1) of both HA and Al2O3) in the presence of
coupling agent to 60 wt% HDPE powder was designated as IS4.

Conventionally sintered pure hydroxyapatite, densified at 1200 °C for 2 h in air
is designated as HA. In all the composites, an optimal amount of 2 wt% titanium IV
2-propanolatotrisisooctadecanoato-O was used. Injection molding of all the HDPE
materials was carried out using barrel temperature of 180 °C and mould tempera-
ture of 25 °C. The available cooling time was 30 s. The process was followed by
the back pressure of *3 MPa. More details on the processing can be found else-
where. The elastic moduli of the investigated composites are provided in Table 6.1
and more details on property measurements can be found elsewhere.

Fig. 6.4 Plot of fracture
toughness, as measured using
SEVNB testing, with vol.%
ceramic loading to HDPE [3]
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Fig. 6.5 Representative SEM images illustrating the observation of alignment of polymeric
chains around the crack tip stress field adjacent to the V notch after SEVNB testing (a) and
debonding of alumina platelets, indicated by dotted arrow during the propagation of the primary
crack (bold crack). Both the images are obtained in case of 10 vol.% ceramic loaded composite [3]
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6.4.1 Tensile Properties

It is well known that, most of the polymers, when loaded have a distinctive index to
undergo viscoelastic deformation. This type of deformation is enhanced at indent
contacts in the presence of complex stress conditions. In the present study, the
indent impressions were not distinct, indicating the softness of the thermoplastic
phase and a significant recovery due to viscoelastic nature. The mechanical
behavior of the prepared hybrid composites (IS2–IS4) were investigated by means
of uniaxial tensile testing of dog bone shaped samples and compression test of
cylindrical shaped samples. For the comparative study, pure HDPE was also tested
under identical testing conditions. The compression modulus and strength were
obtained from stress versus strain response. The elastic modulus, tensile strength
and elongation-at-break were calculated using tensile test data. All the experimental
data are summarized in Table 6.1. The tensile modulus of the IS4 was about 1.5
times greater than the IS1. The results showed that IS1 composite had a tensile
strength of 24.2 MPa (±0.9 MPa), whereas tensile strengths of IS2–IS4 were found
to be 14.3 MPa (±0.1 MPa), 16.4 MPa (±0.8 MPa) and 18.7 MPa (±0.4 MPa),
respectively. Tensile modulus of neat HDPE (IS1), was found to minimum i.e.
564.3 MPa (±130.2 MPa). It is clear from the results that the presence of filler and
coupling agent increases the tensile modulus but decreases the strength. The ce-
ramic fillers reduce the melt viscosity and increase plasticity of the overall com-
position. The IS4 composite shows highest tensile strength in comparison to IS2
and IS3 with a high tensile modulus. The presence of ceramic filler clearly increases
stiffness of the composite with no significant effect towards the tensile properties.
A small drop in tensile strength for composite samples is believed to be due to
interfacial bonding between the HDPE matrix and HA/Al2O3 reinforcement.

Uniaxial compression tests were carried out on four cylindrical samples for each
set of as-processed composites. The presence of Al2O3 as a filler provides better
strength to the IS3 composite compared to IS2. Another important thing, which was
noticed, is the E-modulus (elastic modulus (E-modulus)) of the composite, which
can be easily correlated with the modulus of HA and Al2O3. The E-modulus of HA
and Al2O3 are *85 and *390 GPa, respectively [22]. The maximum elongation
was found in IS1 (pure HDPE) and minimum was measured in IS3, composite
having 40 wt% Al2O3 (Table 6.1).

6.4.2 Cell Adhesion and Proliferation

It is known that bone marrow derived primary osteoblast cells repair cracks in bones,
and help bones grow. They are the major cell type, comprising 90 % of cells in the
mature skeleton and are important in the control of extracellular calcium deposition.
It is also reported that the osteoblasts/osteogenic cells are the common primary
mechanosensors in intact bone and are the key cells in mechanotransduction forces,
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adaptation of skeletal tissue, and in triggering of osteoblasts to form bone [51–53].
An earlier study demonstrates that loading of osteogenic cells inhibits osteoclast
formation via direct contact effects as well as molecular signaling factors [54]. Also,
Osteogenic cells are the most promising candidate to provide a cellular basis for
mechanosensing and bone remodeling [55–58]. This is the prime motivation for the
selection of primary osteoblast cells for in vitro biocompatibility assessment.

After 3 days of culture, the osteogenic cells reach confluency on the surface of all
the investigated samples. Representative florescence microscopy images of cultured
osteogenic cells are shown in Fig. 6.6. Most of the cells were flattened, polygonally
shaped and spread, showing numerous highly extended filipodia and rough dorsal
surfaces, as shown in Fig. 6.6. On higher magnification images (Fig. 6.6b, d and f),
osteogenic cell proliferation can be seen to be intimately associated with an exten-
sive network of actin filaments. Although the cell morphology on the composites is
qualitatively similar, large filopodia extension together with cellular bridge forma-
tion are clearly observed on IS4 substrate (see Fig. 6.6f). Irrespective of the substrate
composition, a number of brighter contrast nodules are widely spread around the
cells and these nodules appear to be mineralized CaP crystals.

In order to quantify the cell proliferation and viability, MTT assay was carried
out. The results of the quantitative measurements of the amounts of the formazan
crystals are shown in Fig. 6.7. The results of the absorbance measurements revealed
that a higher amount of the formazan extract was recovered from cells cultured on
different substrates at all the timepoints. The following points emerge from the
analysis of the results presented in Fig. 6.7 (a) for all the substrates, mean OD
values increase with time in culture, reflecting that number of metabolically active
osteogenic cells increases with time (cell proliferation), (b) among the composites,
IS4 composite supports the growth of more number of metabolically active
osteogenic cells than IS2 or IS3 composite and (c) at any given time point in
culture, the number of metabolically active cells on IS4 is more than HA.

6.4.3 in vitro Mineralization

Similar to MTT results revealing statistically significant difference in terms of cell
viability, the alizarin red staining results also provide significant difference among
the substrate dependent mineralization behavior of cultured osteogenic cells (see
Fig. 6.8). A critical analysis of Fig. 6.8 reveals a linear increase in absorbance
values, indicating more Ca-deposition by cultured cells with incubation time and
such trend is independent of the substrate composition. The increase in absorbance
with culture time is by far more significant in case of IS4 composite than IS2 and
IS3 (particularly for 14/21 days). Although absorbance measured in case of IS4 is
higher than sintered HA for 7/14 days of culture, it is comparable at longer culture
duration of 21 days.

The results summarized in preceding sections do establish that injection molded
HDPE–20 % HA–20 % Al2O3 has HA-like cytocompatibility property.
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6.4.4 Protein Adsorption and Cell Functionality

The difference in cell viability or cell proliferation among IS1–IS4 materials can be
better explained in terms of difference in protein absorption behavior. Proteins are
amphiphatic molecules, which typically adhere to the surface of a biomaterial in a
nonspecific manner. In different cases, such nonspecific adhesion is sufficient to
artificially immobilize proteins on the material surface and no surface modification
is necessary. The high hydrophobicity of many proteins is reported to play an
important role in their absorption on particles surface [59]. In the present study,

(e) (f)

(d)(c)

(a) (b)

100μm 50μm

100μm 50μm

100μm 50μm

Fig. 6.6 Fluorescence microscopic images of osteogenic cells adhered on the investigated
HDPE-based hybrid composites: a, b IM1, c, d IM2 and e, f IM3, after 72 h in culture. While the
blue stained regions are nuclei, the green stained regions are actin filaments of the cytoskeleton [4]
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Fig. 6.7 Plot of MTT assay results showing the incubation time dependent cell viability on the
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Fig. 6.8 The absorbance measured after alizarin red staining of primary cultured osteogenic cells
for different composites at different timepoints over 21 days in culture (*p < 0.05). *represents the
statistically significant difference among the samples with respect to control), irrespective of
incubation periods (number of days) [4]
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BSA (bovine serum albumin), a soft protein, is used. Soft protein is reported to be
able to change their conformation better than the hard proteins. When absorbed on
solid surfaces, soft proteins improve the efficacy of the absorption process, when
compared to the hard proteins like fibrinogen, α-chymotrypsin, ribonuclease,
lysozyme and β-lactoglobulin.

The protein absorption behavior of biomaterials is dependent on the presence of
biocompatible phases in the composite surface. In the present case, the maximum
absorption was measured on HA, IS2 and IS4, as shown in Fig. 6.9a. This might be
due to the presence and homogeneous distribution of biocompatible HA filler. For
example, a lower absorption was noticed in IS3, which is further reflected in cell
viability measured by MTT assay. This might be correlated with the presence of
Al2O3, which is comparatively less biocompatible than HA. The protein absorption
behavior of the prepared composites shows statistically significant difference
among IS2, IS3 and IS4, with respect to HA and control disc.

Apart from this, another study was performed to find out the incubation time,
where protein absorption gets isolated (Fig. 6.9b). Along with control disc and
sintered HA, all the samples were seeded with similar concentration of protein for
identical timeframe. After every hour, one set of samples was studied for BCA
assay. This experiment was performed continuously for number of hours to find the
isolated stage. For the present study (up to 4 h), the protein density increased
continuously, but no significant change was observed. After 5th and 6th h of
incubation, no change is also observed in the absorbed protein concentration. The
present experimental results reconfirm that the absorption mechanism is dependent
on starting protein concentration and material composition.

6.4.5 Influence of Surface Energy on in vitro
Mineralization

Three liquids i.e. MQ water, McCoy’S 5A and isopropyl alcohol (purity >99 %)
were used to calculate surface tension and related properties. The surface free
energy (SFE) of the substrates as well as the polar and dispersion components were
determined using the Owens–Wendt–Rabel–Kaelble method [60]:

rS ¼ rS1 þ r1 � cosh ð6:2Þ

r1 ¼ rd1 þ rP1 ð6:3Þ

rS ¼ rdS þ rPS ð6:4Þ

rS1 ¼ rS þ r1 � 2
ffiffiffiffiffiffiffiffiffiffiffiffiffi
rdS � rd1

q
þ

ffiffiffiffiffiffiffiffiffiffiffiffiffiffi
rPS � rP1

q� �
ð6:5Þ
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Here, rS1 is the interfacial tension between the drop and the solid, θ is the CA on
the solid surface, σs and σ1 are the surface energy of the solid surface and surface
tension of the liquid used, respectively. rdS and r

P
S stand for the respective dispersion

and polar contributions of the solid, while rd1 and rP1 represent the dispersion and
polar parts of the liquid. The values obtained from Eqs. 6.3–6.5 were substituted into
Eq. 6.2. The linear regression method was used to fit the unknown quantities to
obtain the surface energy of solid surfaces using the following equation:

1þ cosh
2

� r1ffiffiffiffiffi
rd1

p ¼
ffiffiffiffiffi
rPS

q ffiffiffiffiffi
rP1
rd1

s
þ

ffiffiffiffiffi
rdS

q
ð6:6Þ
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where θ is obtained from the CA measurements for various surface chemistries. The
surface energy related data are summarized in Table 6.2.

The ability of the osteogenic cells to produce mineralized bone-like nodules,
while cultured on the injection molded HDPE composites, is confirmed using ali-
zarin red staining of the immobilized osteogenic cells. Mineralization is considered
as the strongest indicator of true osteoblast differentiation and osteogenesis. IS4
composite supported better mineralization than that on control/HA at 7/14 days in
culture. Here again, it can be said that the osteogenic properties of HA component is
responsible for the mineralization of HDPE–HA–Al2O3 composites.

A significant increase in cell-mediated mineral deposition was measured with
IM3 composites, that contained the largest amount of the osteoinductive HA par-
ticles. The significant increase in expression of alizarin red staining on IS2 and IS4
after 21 days in vitro culture is an encouraging result from the in vitro osteogenesis
perspective (Fig. 6.8). Such calcium deposition is seen at earlier time points, but
increased significantly at 21 days, particularly for IS4 composite. This result was
promising as it illustrates the potential of the HDPE–20 wt% HA–20 wt% Al2O3

composites to support the development of bone tissue from an osteoblast prolif-
eration stage through to extracellular matrix (ECM) deposition and further to
cell-mediated early-stage mineralization.

Interestingly, this effect was not observed in case of IS2 or IS4 composite after
14 days in culture. Clearly, the addition of HA to the scaffolds results in a sig-
nificantly increased level of calcium deposition and has a mild osteogenic effect.
The results of this study suggested that this may be due to two distinct effects as a
result of the inclusion of hydroxyapatite particles within the composite, namely the
osteoinductive effect of the HA particles, when their inclusion does not significantly
increase scaffold stiffness. The combination of the osteoinductive HA particles as
well as a decrease in contact angle results in a dramatic increase in mineral
deposition within 14/21 days.

The reduction in mineralization with the full replacement of HA by Al2O3 and a
sharp increase in mineralization on IM3 with respect to IM2 substrates follows

Table 6.2 Composition of the various polymer-ceramic composites and their calculated surface
free energy and its component [4]

Sample
designation

Composite
composition

Surface
free
energy
(mN/m)

Polar
component of
SFE (SFED)
(mN/m)

Dispersion
component of
SFE (SFEP)
(mN/m)

IS1 HDPE + 40 wt% HA
(2 % coupling agent)

21.7 ± 0.2 15.4 ± 1.1 6.3 ± 1.3

IS2 HDPE + 40 wt%
Al2O3 (2 % coupling
agent)

23.7 ± 0.6 15.8 ± 0.9 7.8 ± 0.3

IS# HDPE + 20 wt%
HA + 20 wt% Al2O3

(2 % coupling agent)

28.9 ± 0.9 18.3 ± 0.8 10.4 ± 0.3
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similar correlation between cell viability and polar component of SFE (Table 6.2).
Although such increase is rather modest after 7 days of culture, but mineralization
is significantly increased after 14 and 21 days in culture.

The in vitro results of this study can be rationalized in the light of earlier
literature reports. It is widely reported in literature that the surface topography,
surface roughness and texture influences the adsorption of various proteins in vitro
[61–63] which subsequently influences the cell attachment and adhesion [64–66].
Overall, the in vitro culture results clearly demonstrate that spatial cell growth and
mineralization can be modulated on surfaces with higher SFE in case of
HDPE-based composites.

6.4.6 Osseointegration Property

The HDPE–HA–Al2O3 composites (IS4) were implanted in the long bones of New
Zealand rabbits weighing an average of 2 kg (±0.100 g). The experimental design
composed of three groups of 4 rabbits in each group. HDPE implants were used as
controls to assess whether the addition of HA in combination with Al2O3 degrades
the osseointegration property. The injection molded plates were machined to obtain
implants of 6 mm × 2 mm rod shape. The size and shape of the samples and defect
size were prepared following the ISO-10993 guidelines.

All animals were recovered uneventfully from surgery. Their health status
remained normal with no change in body weight. Implants were clearly identified in
most cases. The implant margins were clearly identified at one week and indis-
tinguishable at 12 weeks post implantation, indicating neobone deposition with
good osseointegration with implant (Fig. 6.10). A closer look at the radiographs in
Fig. 6.10 reveals the outline of implant, indicating stable placement at the cylin-
drical femoral defects (1 week). However, such visual difference between implant
and neighboring bone is not much clear after 12 weeks of implantation. It is pos-
sible that the newly formed bone completely integrated with host bone and also
underwent mineralization over 12 weeks of implantation. The mineralized neobone
has similar density of host bone in the defect region, leading to the difficulty in
distinguishing the control implant from host bone. This also suggests thickening of
de novo cortical bone similar to natural femur during post surgery of 12 weeks.

Grossly, all implant sites showed good healing at all time periods for both
control (HDPE) and test (HDPE–20 wt% HA–20 wt% Al2O3 with 2 % coupling
agent) implant. Histologically, there was good healing at the implant/bone interface
(Fig. 6.10). The orientation of host cortical bone was perpendicular to implant. The
histological features were similar around both, HDPE and IS4 at all time periods.

One week post-implantation, most implants were identified in cortical bone with
a moderate inflammatory infiltrate of macrophages (round to oval cells with a large
nucleus) and fibroblasts (plump spindle shaped cells) at the host bone-implant
interface. Trabeculae of osteoid with occasional osteoblasts were observed at the
interface on both sides. Degenerative and necrotic changes were absent.
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Neovascularisation was not seen at this time period. New woven bone trabeculae
were also noted at both edges of endosteal aspect of the cavity.

Fig. 6.10 Representative histology images revealing rabbit host bone-IM3 test implant compos-
ites interface (left) (a) and host bone-HDPE (control) (b) (right) interface at 1 week, c and d for
4 weeks and e and f for 12 weeks post implantation. The macrophages and fibroblasts are found to
infiltrate at host bone interface with IM3 composite (a) and HDPE (b) at 1 week. Trabeculae of
new bone are also observed in both, with osteoblasts identified in IM3 (a). Mature new bone
deposition is present at 4 weeks at the interface of both implants with focal contact at the HDPE
composite interface (c) and along the implant surface of both implants (control and IM3) at 12
weeks (e and f) Stevenel’s blue X 10 (a–d) and X40 (e–f) [4]
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At four weeks of post implantation, new woven bone deposition was evident
along both sides of host cortical bone of the cavity in both the groups with focal
contact with implant and occasional macrophages, fibroblasts and fibrocytes at the
interface. Degenerative and necrotic changes are absent at the bone-implant inter-
face on both sides of the cavity in both groups. Neovascularisation was minimal in
both control and test implant. Neobonetrabeculae were also noticed on periosteal
and endosteal aspects in most cases.

At twelve weeks post-implantation, healing was complete with new mature bone
interfacing mostly directly along both sides of the implant. In a few cases, fibro-
cytes persisted. Histomorphometrically, the neobone growth was further quantified
from the multiple histology images. The neobone area at proximal/middle and distal
sites around HDPE (control) and HDPE–20 wt% HA–20 wt% Al2O3 (IS4 grade-
test implant) were measured and plotted in Fig. 6.11. The results reveal a consid-
erable increase (*125 %) of neobone area at proximal and middle site for IS4 over
control implants. However, such increase at distal site was not recorded.

A number of parameters derived from histopathological analysis have been
qualitatively summarized in Table 6.3. In all the cases, the relative size of bone area
around the implant was identical and therefore, the area of healing did not differ
from implant to implant. In all the cases, mild inflammation as well as fibrous
capsule formation was observed. More importantly, the necrotic cells or any sign of
toxicity at tissue level could not be recorded even after 12 weeks of post
implantation.
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Fig. 6.11 Histomorphometrical evaluation of bone growth around control and implant after
12 weeks post-implantation in rabbit animal model [4]
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Summarising, Histomorphometrically, HDPE–20 wt% HA–20 wt% Al2O3

composite supports 125 % more neobone formation at proximally middle site of
implant, when compared to HDPE (see Fig. 6.11). On the basis of the absence of
mild inflammation and the presence of neobone formation at the interface, the
suitability of the HDPE–20 wt% HA–20 wt% Al2O3 composite for the stabilization
of bone defects or to bridge available gaps between existing host bone and another
synthetic implant during orthopedic surgery is being established.

6.5 Summary

It is well known that the longevity of orthopedic implants depends upon implant
fixation and interfacial stability. Loosening and failure of an implant are often
reported due to instability and incomplete anchorage at the bone/implant interface
[67]. There are different approaches to improve the stability/anchorage and these
approaches include bioactive fixation by using compositionally tailored biomate-
rials, cemented fixation, mechanical bone implant interlocking, etc. To this end, the
use of HDPE-based hybrid composites is established in this chapter.

At the closure, it can therefore be unambiguously confirmed that HDPE–20 wt
% HA–20 wt% Al2O3 is clinically safe materials in rabbit animal model and such
materials enhance bone formation both in vitro and in vivo. Also, the overall
biocompatibility property is not compromised to any extent despite the presence of
considerable amount of Al2O3 in the implant leading to an enhancement in
mechanical properties. The clinical trials on HDPE–20 wt% HA–20 wt% Al2O3 are
to conducted to further confirm its efficacy to stabilize bone defects or to bridge
available gaps between existing host bone and another synthetic implant during
orthopedic surgery in human patients.

Table 6.3 Summary of the qualitative histopathological evaluation of rabbit femur adjacent to
IM3 composite at selected time intervals of implantation in rabbit animal model [4]

Materials HDPE–20 wt% HA–20 wt% Al2O3, (IS4)

Number of rabbits 4 4 4

Duration of implant (weeks) 1 4 12

Foreign body giant cells Absent Absent Absent

Gross response Positive Positive Positive

Degree of necrosis Nil Nil Nil

Inflammation Mild Mild Mild

Macrophages/fibrous capsule Present Present Present

Foreign body debris Absent Absent Absent

Fibrosis Present Present Present

Relative size of implanted area (mm) 2–6 2–6 2–6

Toxicity rating Nil Nil Nil
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Chapter 7
Case Study: Development of Acetabular
Socket Prototype

7.1 Introduction

The natural hip joint in human body is generally called as a ball-and-socket joint,
because the spherical head of the thighbone (femur) moves inside the cup-shaped
hollow socket (acetabulum) of the pelvis. Healthy cartilage, which serves as a
protective cushion allows smooth, low-friction movement of the joint. Additionally,
a body fluid, composed of water, hyaluronic acid lubricates the joint area. During
day-to-day activities, the average load on a hip joint is estimated to be up to three
times body weight and sometimes it goes up to 10 times of the body weight during
various strenuous activities such as jumping and exercise. Such activities cause
severe wear of the prosthetic socket. If the cartilage is damaged by disease or injury,
the tissues around the joint become inflamed, causing pain. With time, the cartilage
wears away, causing the rough edges of bone to rub against each other, and this
results in degenerative diseases like osteoarthritis causing hip pain and stiffness. An
example of fractured hip joint has been shown in Fig. 7.1. In order to relieve pain,
the clinical approach is to use total hip joint replacement with artificial biomaterials.
The most common reason for having a hip or knee replaced is osteoarthritis, which
mainly affects people over the age of 45.

Therefore, in an attempt to replicate natural hip joint, implantation of artificial
hip joints is importantly required. Over the past half-century, there have been many
advances in the design, construction and implantation of artificial hip joints.
However, issues pertaining to the design of the prosthesis and the high cost of
prosthesis limit the usage of such implants. The present chapter highlights the
efforts to widen the base of this treatment and to increase its suitability in terms of
design parameters. Before describing these developments in detail, the basic
structure and components of an artificial hip prosthesis are discussed. A total hip
replacement implant has three parts: the stem, which fits into the femur and pro-
vides stability; the ball, which replaces the spherical head of the femur and the cup,
which replaces the worn-out hip socket. Figure 7.2 shows an X-ray radiograph of a
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natural implant in comparison to an artificial hip implant along with its different
components. Generally, the stem part is made of metal with a metallic or ceramic
femoral head attachment, whereas the Acetabular cup is usually made of polymers.

7.2 Clinical Perspective

From the clinical perspective, the inflammatory and degenerative joint diseases
necessitate surgical joint replacement [2]. Total hip replacement is one of the most
successful surgical procedures that have been developed so far, and is natural choice
of treatment for long term function restoration and pain relief. Over the years there
has been a change in the focus of total hip replacement implants. Earlier, in 1960s
and 1970s, when this technique was still in its infancy, the main clinical focus was to
reduce perioperative complications of infection, dislocation and implant failure.
Since this process has now been well established, the next phase focused on
improving the functionality of THR surgeries, in the form of pain reduction and
improved quality of life. This was achieved mainly by improved surgical techniques
as well as better implant design. Recently, the clinical need demands better long term
sustainability of the implant to improve its acceptance and functionality even in a
younger age group. Considering that the traumatic, inflammatory and degenerative
diseases are increasingly affecting younger individuals, there is a need to look at
newer materials with better wear resistance and biocompatibility properties to
increase the life of the prosthetic joints. This involves a special emphasis on
reduction of implant failure due to mechanical loosening and due to the ill effects of

Fig. 7.1 A typical example showing the features of hip fracture [1]
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debris particles, which have been mentioned in the previous section [3]. This
involves improvement of currently available biomaterials for artificial joints which
have worked successfully for the older age group of patients. There is evidence that
joints last 25–30 years with currently available bearing materials [4]. In addition, the
wear particles of the currently available and most widely used UHMWPE bearing
surfaces have shown to cause an inflammatory reaction at the bone—joint or bone

Fig. 7.2 An X-ray showing the natural hip joint (a); assembly of an artificial hip joint using
biomaterials (b) and components of a total hip replacement (c) [45]
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cement interface. This results in painful loosening of the implant, warranting revi-
sion surgeries at a larger cost and patient trauma. Therefore, a bearing surface with
high hardness and good wear resistant properties is urgently required. Moreover,
effective processing of such composite in a cost-effective compression molding route
would offer a long term solution towards the acetabular component development for
THR application at reasonable cost.

7.3 Polymer Composites in THR

The first total hip joint replacement (THR) was introduced in the 1950s and over the
last few decades, considerable progress has been achieved in the joint-replacement
prostheses surgery. In US alone, the case of approximately 1,50,000 total hip
replacement surgery are reported annually and significantly 20 % of these surgery is
for replacement of the unsuccessful hip implants [5]. Figure 7.3 shows the different
components of the total hip replacement as well as their post operation alignment
along with other bones of the pelvis. From this figure, it is clearly visible that the
femur head articulates with acetabular socket after assembly of the THR [6, 7].

It has been further reported that wear related mechanical failure has been a major
concern as far as the life of hip implants are concerned. Therefore, there exists a
need to develop new materials or to explore new material combination for THR
application. In the early days of hip surgery, both femoral implants and acetabular
cups made of stainless steel, Co–Cr–Mo or its alloy were considered suitable. In

Fig. 7.3 Different components of a total hip replacement a before and b after implantation [45]
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general, metallic implants exhibit good mechanical properties, but due to poor
biocompatibility and the mismatch of elastic modulus with the surrounding host
bone, they cause stress-shielding effect after implantation. This limits
metal-to-metal pairing from extensive THR applications. Another important con-
cern for the use of metallic implants is the metal ion release, which causes an
increase in cobalt and chromium concentrations in blood and urine (in case of Co–
Cr–Mo implants). The debris particles/lumps due to wear of metallic articulating
surfaces lead to osteolysis, which ultimately results in implant loosening. This
process has been outlined in Fig. 7.4, wherein the activation of the foreign body
response due to wear debris generation has been described. These debris are
phagocytosed by macrophages with particles of 500 nm or larger being transported
to the lysosome. These metallic particles are corroded in the lysosome, leading to
high concentration of ions such as Co and Cr in blood.

As far as the use of non-metallic THR components is concerned, low coefficient
of friction, easy modulability, superior biocompatibility and low cost of making are
important criteria for material selection for acetabular cup application in hip
replacement surgery. However, it has been well established that the longevity of
such joint implants depends on the wear performance of the polymeric acetabular
cup. Charnley et al. [9] proposed ‘low friction arthroplasty’ and introduced PTFE

Fig. 7.4 Schematic illustration of osteolysis due to generation of wear particles from acetabular
cup [8]

7.3 Polymer Composites in THR 155



(polytetrafluroethylene) as acetabular cup in a metal to polymer pairing for total hip
joint prosthesis. The major drawback of PTFE is its low wear resistance. It was
experimentally observed that the stainless steel femoral head completely penetrated
the PTFE acetabular cup within a few years of implantation. In an effort to solve the
wear problem of metal-on-polyethylene in the hip joint, manufacturers have pro-
duced hip prostheses with ceramic-on-polyethylene. This accounts for the intro-
duction of ceramic femoral heads, as an alternative to metallic heads. In 1969,
Driskell et al. [10] introduced zirconia in the biomaterial application and later
Christel et al. [11] was the first to illustrate the use of zirconia as femoral head in
total hip replacement joints. Such orthopedic implants usually comprise a ceramic
femoral head, mounted on metallic femoral stems, that articulates against a poly-
meric acetabular cup during in vivo use.

For more than 30 years, ultra-high-molecular-weight polyethylene (UHMWPE)
has been used as a bearing material in total-joint-replacement prostheses [12].
UHMWPE has been successfully used as acetabular cup material due to its superior
mechanical toughness, wear resistance and biocompatibility. However, the main
concern about the use of UHMWPE is the adverse biological tissue response due to
its wear debris [13, 14].

Although effective for short term use, UHMWPE has several other drawbacks
besides generation of large amount of wear debris. Figure 7.5 shows an X-ray
radiograph in which the wear debris particles are clearly visible outside the femoral
head. UHMWPE has high creep and plastic deformation under long term load
bearing application. Figure 7.6 shows a UHMWPE acetabular cup that was dam-
aged after implantation in THR surgery. The extent of damage provides an indi-
cation of the progressive wear, post-implantation.

A new generation of biomaterials is being investigated over the last few decades,
taking into account the requirement for mechanical reliability and biocompatibility.
Carbon fiber (CF) reinforced UHMWPE was investigated as an useful implant
material for THR [15, 16]. The problem with such implants arises due to stiffness
mismatch between the prosthesis and the femur bone. The metal stem has 5–6 times
higher stiffness than host bone, which causes stress shielding problem [17–19]. As a
solution, a group of researchers introduced CF/PS(polystyrene) [20] and carbon
fibres reinforced carbon [21] polymer composites to replace metal stem. Improved
creep property, more strength and moderate stiffness were observed for this type of
polymer composites. In order to mimic the mechanical properties of the femur
bone, the use of another polymer composite i.e. CF/PEEK (polyether ether ketone)
stem prosthesis was reported [22–24].

In different studies, several researchers proposed that high density polyethylene
(HDPE) based composites could be a suitable alternative to pure UHMWPE for
acetabular cup application [25–27]. Xue et al. [28] have successfully developed a
composite by reinforcing HDPE/UHMWPE blend with multi-wall carbon nan-
otubes (MWCNTs). The detailed tribological test revealed that an extremely low
wear rate was achieved (*12 × 10−8 mm3/Nm), when fretted against austenitic
steel counter body. In another study, considerable improvement in the wear resis-
tance property has been reported for a newly developed composite prepared by
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blending of UHMWPE and HDPE [29]. In another attempt to improve mechanical
and tribological properties, HDPE-based biocomposites, reinforced by carbon and
Kevlar fibers were developed and acetabular cup was prepared by compression
moulding technique [30]. However, these materials are being developed on a lab
scale and are yet to be tested for more realistic assessment of their suitability as
socket materials.

In last few decades, substantial research efforts were also invested to develop
bioactive composites as bone analogue replacement by reinforcing bioinert high
density polyethylene matrix with bioactive hydroxyapatite (HAp) ceramic partic-
ulates [31–33]. Bonfield et al. [34–37] were the first to develop hydroxyapatite
reinforced (up to 40 vol%) high density polyethylene (HDPE) biomaterial for
skeletal applications and coined a trade name HAPEXTM for HA/HDPE composite
[38]. In an early study Bonfield investigated the tribological behaviour of
HA/HDPE composite against duplex stainless steel in dry and lubricated condition
[39]. However, the result showed that beyond 10 vol.% HAp reinforcement, wear
properties deteriorated in the presence of low viscous liquid. In spite of having

Fig. 7.5 Osteolysis taking
place around the total hip
replacements which is
detected by X-ray diagnosis
[45]
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excellent biocompatibility, the use of these composites in THR application is rather
limited arising from the low wear resistance properties and strength mismatch of
this composite with femur bone. The above discussion signifies that polymer-based
new functional biocomposites for load bearing joint application are still awaited.

7.4 Acetabular Socket Prototype Fabrication

Natural bone is a polymer-ceramic composite based hard tissue, containing
metabolically live cells, collagen and apatite mineral with an adequate balance of
biochemical and mechanical properties. The strength, stiffness and toughness of
natural bone are a result of its composite and anisotropic structure of organic
(collagen) and inorganic (hydroxyapatite) materials. Without compromising on the
required properties like mechanical strength and biocompatibility, a
polymer-ceramic composite (HDPE–20 wt% HA–20 wt% Al2O3) implant has been
developed. The different components of this composite were incorporated with
specific aims. HDPE was used as a base material. It is important to mention here
that the HDPE is a thermoplastic polymer, and hence was chosen as the base
material. To HDPE, 20 wt% Hydroxyapatite was added to improve bioactivity and
osseointegration and 20 wt% Al2O3 was added to improve stiffness and strength. In
this section, the lab scale testing is first described and this will be followed by
prototype fabrication.

Fig. 7.6 Example of worn
UHMWPE acetabular cup for
total hip replacement [45]
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7.4.1 Lab-Scale Testing of Coupon Samples

In order to investigate the performance of the developed optimal HDPE–HA–Al2O3

composition for the acetabular cup, this section summarizes the tribological, in vitro
and in vivo biocompatibility results.

7.4.1.1 Fretting Wear Tests

This section contains a brief mention of the key results related to in vitro wear tests.
In order to restore the function of body due to problems, like arthritis, joint
infection, injury, and malignancy, the articulating joint should be repaired or
replaced with suitable implantable devices. The biomaterial chemistry and wear
resistance properties play a crucial role in the performance of such articulating
devices. Concerning the mechanical properties of the developed material, higher
hardness values were measured in the range of 190–256 MPa for chemically
modified composites and such hardness values are near the hardness of human
cortical bone (234–760 MPa). Compressive Modulus of around 700 MPa and
tensile modulus of around 900 MPa were also recorded.

In order to investigate the wear properties, the developed hybrid composite was
fretted against three mating counter bodies (spherical balls), including Al2O3, ZrO2

and steel, in vitro. All the experiments were conducted at a load of 10 N for a
duration of 100,000 cycles in both dry as well as simulated body fluid (SBF). Such
planned set of experiments has been designed to address three important issues:
(a) whether the improvement in physical properties (hardness, E-modulus) can lead
to corresponding improvement in friction and wear properties; (b) whether the
fretting in SBF can provide sufficient lubrication in order to considerably enhance
the tribological properties, as compared to that in ambient conditions; and
(c) whether the generation of wear debris particles can be reduced for various
compositionally modified polymer composites, in comparison to unreinforced
HDPE. The experimental results indicate the possibility of achieving extremely low
coefficient of friction (see Fig. 7.7) as well as higher wear resistance (see Fig. 7.8)
with the newly developed composites in SBF. A low wear depth of 3.5–4 µm is
recorded in case of alumina counterface, irrespective of fretting environment.
Similarly, in case of zirconia, the wear depth was 3–7 µm. Thus, on the basis of
tribological results, one can conclude that the developed HDPE–HA–Al2O3 com-
posite can be used either used as a liner for a metal back porous coated cemented
cup or alone as an uncemented acetabular cup against different femoral ball head
mating materials.
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7.4.1.2 in vitro Cytocompatibility

in vitro studies on a material are a first step, before proceeding to in vivo evaluation.
The biocompatibility tests as per ISO guidelines, using L929 mouse fibroblast cell
line and SaOS2 human osteoblast cells provide clear evidence in support of cell
adhesion and cellular functionality of surfaces of chemically coupled composites.
As shown in Fig. 7.9b, the number of metabolically active SaOS-2 cells increases
systematically with an increase in incubation time for the HDPE–HA–Al2O3

composites. The results of the MTT assay with SaOS2 cells therefore confirmed that
the hybrid composite supported better cell viability as compared to the control. The
cell-to-cell interaction and multidirectional extension of filopodia is also observed,
as shown in Fig. 7.9a.
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Fig. 7.7 Representative plots showing the variation in coefficient of friction w.r.t. number of
cycles during fretting wear study. S1 HDPE; S2 HDPE–20HA; S3 HDPE–20Al2O3; S4 HDPE–
20HA–20Al2O3; S5 HDPE–40Al2O3; S6 HDPE–40HA [40–42]
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Fig. 7.9 a Representative SEM image showing the Saos-2 cells adhesion and growth on HDPE–
20HA–20Al2O3. b MTT assay results show the cell viability/proliferation of various HDPE-
composites surface during the different incubation period [43–44]
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In order to investigate the effect of wear debris on the functionality of developed
composite during in vitro conditions, eluate of HDPE–20 wt% HA–20 wt% Al2O3

particles was prepared and the noncytotoxic profiling of human osteoblast like cells,
when treated with eluates of wear debris HDPE–20 wt% HA–20 wt% Al2O3 is
shown in Fig. 7.10. The excellent osteoblast cell viability indicates that such debris
particles from the investigated composite do not affect the functionality of human
osteoblast cells. Since finer particles are generated in vivo due to friction and wear
of the implants, the present study also indicates that such debris particles from the
investigated composite would favourably support the cell functionality of human
osteoblast cells. The in vitro results are summarized in Fig. 7.10.

Frictional property uncompromised for HDPE-
HA- Al2O3 hybrid composite

Smooth worn surface

Viable osteoblast cells in wear debris treated eluate Much less wear for HDPE-HA- Al2O3

Wear particles from the 
replacement head and
liner disrupts 
osteoblast/osteoclasts
balance and causes 
inflammation, leading to 
osteolysis and revision 
surgery

Fig. 7.10 Schematic illustration showing the central theme of wear particle induced osteolysis as
the major problem driving the development of new wear resistant acetabular sockets (center). The
frictional behaviour during fretting of several HDPE-based composites against Al2O3 (top left),
typical worn surface (SEM image in top right), osteoblast cell morphology in wear debris treated
eluate (bottom left) and wear resistance data (bottom right). The entire combinations of results
establish good tribological properties of HDPE–20 % Al2O3 composite and non-cytotoxic nature
of wear debris [40–44]
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7.4.1.3 in vivo Osseointegration

The frictional behaviour and wear resistance data established good tribological
properties of HDPE–20 % HA–20 % Al2O3 composites. As a next step, the bio-
compatibility property of this composite is established in rabbit animal model using
both segmental defect and cylindrical femoral defect. The in vivo tests were carried
out after approval from animal ethics committee. As shown in Fig. 7.11, a seg-
mental defect model in rabbit animal was chosen. The in vivo biological response
unambiguously confirmed good in vivo osseointegration property of the composite
materials after implantation for 14 weeks as long segmental bone defect in rabbit

Biocompatibility 
assessments in rabbit 

animal model

10μm

Femoral bone defect model (12 weeks) Large segmental defect model (26 weeks)

Fig. 7.11 Illustration of good osseointegration property of HDPE–20 % HA–20 % Al2O3 hybrid
composite in animal model-cylindrical femoral bone defect (left panel) and large segmental bone
defect (right panel) [44]
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model. Some illustrative results are summarized in Fig. 7.11. The neo-bone for-
mation at the implant/host bone interface in both the defect models confirms good
osseointegration properties of the new hybrid composite.

The histological observations of bone cell activity as well as other observations
of the bone/implant interface indicates that HDPE–20 wt% HA–20 wt% Al2O3

composite can support neobone deposition at the interface with cortical bone in
rabbit model (see Fig. 7.12). The inflammation of any of the experimental animal
(rabbit) during post implantation period was not observed. On the basis of histo-
logical analysis and radiographic observations of the bone/implant interface after
short term implantation (1/4/12 weeks) in rabbit animal model, it can be stated that
the investigated HDPE–20 wt% HA–20 wt% Al2O3 composite exhibits a consis-
tent pattern in deposition of neobone, which appears to remodel over survival
period. Minimal fibrosis and occasional macrophages separate the neobone/material
interface.
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Fig. 7.12 Digital camera images showing, a rabbit’s tebia zone with cylindrical long segmental
defect along with the biocomposite material before implantation, b rabbit’s tebia zone after
implantation, c X-ray radiographs of post implant rabbit’s tebia after 14 weeks of implantation of
CS7 implant, d new bone formation, easily differentiated from host bone [44]
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7.4.2 Prototype Fabrication

7.4.2.1 Engineering Design and Mold Preparation

Once all the lab-scale and pre-clinical study establishes acceptable biocompatibility
property of a given biomaterial, (e.g. HDPE–20 % Al2O3) the planning for device
fabrication has to be initiated as part of translation research [45]. As a first step, the
engineering design of device prototype is shown in Fig. 7.13. Various engineering
design views along with the dimensions are used in fabricating molds for com-
pression molding experiments. One has to consider typical processing induced
shrinkages at this stage.

Fig. 7.13 The engineering drawing and 3D sketch of the acetabular cup (a) and CAD model of
the product as well as different components of compression mold assembly are shown (b) [45]
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Typically, the shrinkages are less in compression molding. If the flow materials
with good flowability property are used, they do not shrink as much as softer flow
materials. As a result of lower shrinkages, warpage is lessened and dimensional
accuracy, is better in compression molding route. Also, the cycle times for com-
pression molded parts using preheated preforms can be less than for injection molded
parts. In view of the anticipated negligible shrinkage, no dimensional allowance was
given while fabricating molds from the engineering design of Fig. 7.13a.

The fabrication of near net shape acetabular socket in compression molding
route required the use of custom-made mold cavity and core. The shrinkage was
limited to 2 % in single cavity mode, while both cavity and core was fabricated
using semi-automatic CNC lathe for smooth finish operation. The heat treatment
was carried out for the cavity material, OHNS (Oil Hardened Non Shrinkage steel)
to avoid bulging due to heavy load and full hardening leads to the attainment of 45–
50 HRC hardness. Additionally, retainer plates and band heater have also been
specially designed for the compression molding.

For fabrication of the acetabular cup using compression molding, a specially
designed mold consisting of one or more cavities and a force side is used. CAD
design of various compression mold assembly is shown in Fig. 7.13b. The mold is
heated by electric cartridge heaters, steam or oil to a certain temperature range. The
molds used for compression molding consist of a cavity and a force or plunger, as
shown in Fig. 7.14a. The guide pins maintain the proper relation between these
members. The mold cavity forms one surface of the molded part and the molding
compound is generally loaded in this member. The mold plunger forms the outer
surface of the piece being closed. The molding compound is thus confined to the
open space between plunger and cavity, while it hardens. The provision for heating
is often included in the mold design. Some presses are equipped with heating
platens, which transfer the heat to the molds. In some mold designs, the cavity and
plunger or the top and bottom retainer shoes are drilled out to permit steam or hot
water to circulate the heating. Figure 7.14b, c show the inner and outer surface of
the acetabular cup, respectively. The smooth surface of the cup that was obtained
after compression molding is also evident from these photographs. While the inner
surface of the cup will articulate with the femur head, the outer surface will
articulate with the pelvic bone. The smoothness of the surface is of utmost
importance to minimize wear.

7.4.2.2 Compression Molding Based Fabrication of Prototypes

One of the important aspects for prototype development was to optimize compression
molding conditions. Based on the labscale experiments to obtain 10 mm diameter,
cylindrical samples ofHDPE–20 wt%HA–20 %Al2O3 composites, we initially used
130–140 °C. After several trial experiments, the optimal compression molding con-
ditions include the pre-heating temperature of mold as 190 °C with mold pressure
varying in the range of 3–7 MPa. Another innovative step was to add 2 wt%
Titanium IV, 2-propanolato, trisisooctadecanoato-O coupling agent during dry
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mixing of HDPE with HA and Al2O3. The process parameter optimization was a key
step in developing acetabular sockets with smooth surface profile (Ra * 1–2 µm).

Compression molding process consists of three stages namely melting, com-
pression and cooling. A number of experiments are conducted to optimize the ratio
of polymer and ceramic phase as well as coupling agent. The chosen coupling agent
(titanate) provided better bonding between polymer and ceramic phase without
contributing any adverse effect of the original property of the individuals. As a
follow up work, a prototype of acetabular cup was developed after active discussion
with clinicians, which helped to design and fabricate an acetabular cup, suitable for

Fig. 7.14 a The acetabular
cup on the mold after molding
b the conformal contact of
as-fabricated acetabular cup
with a commercial alumina
femoral ball head [45]
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the Indian population. The design adopted during the present prototype development
is the one that is most commonly used with the Indian patients undergoing total hip
joint replacement surgery. Based on an adult person’s acetabular cup dimensions, we
have arrived at the following dimensions for design and development of cup to be
used in total hip joint replacement which consist of an outer diameter—of 44 mm, an
inner diameter of 28 mm and a cup thickness of 8 mm (see Fig. 7.3). The molding
was carried out at constant pressure of 10 MPa and at a temperature of 130 °C for
30 min in case of monolithic HDPE and at 140 °C for 45 min for the composites.
The CMP 30 Compression molding machine used for prototype development is a
less tonnage machine enough for this purpose (Approx. 8 tonnes). The processing
temperature used for the developed material was *140 °C, so the pre-heating
temperature of the mold was set to 190 °C (during compression, measured tem-
perature of the mold was 185 °C) and mold pressure varying from 3 to 7 MPa. It is
important to mention here that the temperature inside the mold (*140 °C) will be
lower than the mold temperature (185 °C).

7.5 Summary

It can be reiterated that there is a whole range of prostheses available for conditions
ranging from degenerative arthritis, rheumatoid arthritis, previous failed surgery,
bone and joint tumors, and unstable painful joints, where supporting ligaments have
been damaged. One of the key result is that the hybrid composites with up to 40 wt%
ceramic fillers (HDPE–20 % HA–20 % Al2O3) loading can be compression molded
into a patient-specific acetabular socket shape using near-net-shape manufacturing
protocol.

Despite such large addition of ceramics, both the tribological and biocompati-
bility properties are not compromised to a significant extent. In particular, the
novelty in this product design and development can be summarized in reference to,
(a) unique composition of hybrid composite with proven biocompatibility property
in rabbit model, (b) non-cytotoxic profiling of wear debris particulates, (c) better
friction and wear resistance in fretting mode and (d) excellent wear resistance in
HIP simulator tests. Figure 7.10 shows a schematic describing the novel, unique
properties that were observed for the composite developed in this work. In brief,
extremely low co-efficient of friction was observed along with low wear depth in
wear and fretting experiments that were carried out for this hybrid composite. The
surface roughness of the obtained prototype is around 0.6–0.7 µm. Such smooth
roughness without additional machining makes the adopted manufacturing process
a cheaper and easily scalable for mass scale production feasible. Subsequent
machining operations are not required. The in vitro cell culture studies also depicted
good proliferation of SaOS2 cells on the hybrid composite as well as in the presence
of the eluates. The use of tailored addition of titanate coupling agent is another
novel step in the manufacturing of the prototype. Another important novel aspect is
the near-net shape manufacturing as the prototype obtained at the end of
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compression molding cycle replicates exactly the mold shape without any visible
warpage or porosity.

To conclude, this chapter describes in detail the actual process of development of
an acetabular socket for total hip prosthesis. The chapter describes the tedious
process of development of a suitable composite as well as optimization of pro-
cessing parameters. Figure 7.15 depicts the entire study performed in this chapter in
a nutshell. This chapter not only presents compression molding-based approach for
the fabrication and manufacture of implants but also provides a guideline to
developing such new materials with enhanced functionality for orthopedic
applications.
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Chapter 8
Case Study: 3D Printed Cartilage

8.1 Introduction

With increase in life expectancy, the motivation of our society is shifting towards
living longer and with a good quality of life. Majority of the world’s aging pop-
ulation is now willing to take advantage of medical technology to solve their health
problems. Osteoarthritis, Rheumatoid arthritis and lower back pain are most com-
mon ailments of aging population, in which cartilage tissues get damaged or
degenerated. Once damaged, cartilage tissue has poor propensity to regenerate.

Tissue engineering and Regenerative medicine offer fascinating promises for
developing bioengineered tissue constructs for organ replacement. In 1980s, Tissue
engineering field was initiated with attempt to engineer cartilage-like tissues, as it is
an avascular tissue, without neuron, consisting of only one cell type. Since last
30 years researchers focused on developing cartilage-like constructs to replicate
structure-function properties native cartilage by culturing various types of cells on
different types of polymeric scaffolds [1]. However despite sincere efforts of bril-
liant tissue engineers around the world, development of clinically relevant, func-
tionally equivalent load bearing, engineered, three dimensional (3D) cartilaginous
tissue constructs remains elusive. Clinical success was achieved in few exceptions
where non-load bearing cartilage constructs (cartilaginous tissue for airway and
nasal reconstruction) were implanted in restricted patient cohorts [2, 3].

Orientation of cells, alignment of collagenous fibrous proteins and spatial gra-
dient extracellular matrix is highly important to replicate anatomical features of
fibrocartilaginous tissues of mandibular condyle [4], intervertebral disc [5] or
meniscus tissues [6]. Under physiological dynamic compression loading condition,
collagen fibers dominantly contribute in reinforcing these tissues. However, cur-
rently practiced Tissue engineering strategies still could not coherently simulate the
complexity of these anatomical features and cellular or ECM alignment present in
human cartilage, hence fail to replicate mechanical properties of these cartilage
tissues.
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From this translational point of view, 3D bioprinting has fascinating potential to
offer a paradigm shift in cartilage tissue engineering research, as this will allow
deposition of cells in a specific alignment, control spatial orientation of matrix
proteins, in order to engineer anatomically relevant sized cartilage grafts in arbitrary
shapes as required for the particular defect in a patient-specific manner.

Silk fibroin protein from Bombyx mori silkworm has been widely used in the
biomedical research sector for Tissue engineering. This case study will highlight
development of silk-based bioink and its application for cartilage 3D bioprinting.

8.2 Limitation of Scaffold-Based Cartilage Tissue
Engineering

Cartilage tissue consists of only one cell type, chondrocytes, which is embedded
within ECM network, which is composed of primarily water (80 % wet weight),
collagen type II (50–60 % dry weight), large (aggrecan, versican) and small
molecular weight (biglycan, lumican, decorin, fibromodulin) aggregating proteo-
glycans such as chondroitin sulfate, heparin sulfate (around 25–35 % dry weight)
etc. These ECM components impart mechanical property of cartilage tissue, where
collagen fibrous network mainly governs the tensile strength, and the proteoglycans
(e.g., aggrecan) along with glycosaminoglycan (GAG) impart compressive modu-
lus, aggregate modulus of the cartilage tissue. In order to replicate such impressive
mechanical properties, various kind of scaffold-based culture systems have been
explored for cartilage tissue engineering, for example nonwoven [7], woven [8],
hydrogel, porogen-leached 3D porous scaffolds [9] etc. Depending upon mechan-
ical properties and architecture of those scaffold-based culture systems researchers
attempted to recapitulate the nonlinear, anisotropic and viscoelastic nature of
articular cartilage, albeit unsuccessfully. There are several unsolved challenges.

First step in cartilage engineering is expansion of primary chondrocytes in vitro,
followed by culturing cells over scaffolds. During this in vitro proliferation phase,
with cumulative population doublings chondrocytes quickly lose their native phe-
notype and potential for chondrogenic ECM production. In Petri dishes articular
chondrocytes gradually lose their round morphology to assume an elongated
fibroblast-like shape. Synthesis of Type II collagen and aggrecan get reduced and
type I collagen and versican synthesis get increased [10]. Research is still ongoing
to explore various strategies to preserve native phenotype of chondrocytes during
re-differentiation.

Native articular cartilage has distinct zonal structures, namely superficial zone,
the middle zone and the deep zone. But scaffold-based strategies invariably develop
uniform distribution of cells due to random distribution of pores in scaffolds, as a
result eventually develop uniform cartilaginous construct. Attempts are being made
to generate engineered cartilage with the inhomogeneity of adult articular cartilage,
zonal ECM features and depth-dependent cellular phenotypes [11–13]. But despite
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extensive endeavors to replicate depth-dependent cellular and mechanical inho-
mogeneity, engineered constructs at the best depict zonal characteristics akin to
immature articular cartilage [11, 12]. Moreover, as these engineered constructs do
not recapitulate a collagen fibrous architecture (Benninghoff-like pattern) and cel-
lular alignment, their region-specific compressive properties are several magnitudes
inferior compared to that of adult articular cartilage. 3D bioprinting strategies may
offer unique strategies in achieving anatomically depth-dependent cellular and
mechanical inhomogeneity.

So far cartilage tissue engineers assumed that “chondrocyte” represents a single
cell population originated from a single differentiation process. But recent devel-
opmental biology studies demonstrated that indeed, in human articular cartilage
each chondrocyte subpopulation possess distinct morphology as well as distinct
gene expression profile. Each of these subpopulations have specific functions [14].
Only 3D bioprinting strategies may enable us to deposit distinct subpopulation of
chondrocytes at defined location.

Similarly, specific types of ECMs are present at different regions of cartilage
tissues, which also change within the tissue during embryonic development and
aging process. For example, chondroitin-4 sulphate is the most predominant type of
GAG in immature (embryonic) articular cartilage, but chondroitin-6 sulphate is
predominantly present in adult articular cartilage [15]. In addition, the sulphation
patterns of chondroitin-4-sulfate change in human cartilage tissue with ageing,
along with an increase in 6- to 4-sulphated N-acetyl glucosamine residues ratio
[16]. Traditional scaffold-based strategies fail to replicate such intricate variation in
ECM composition. 3D bioprinting may enable the researchers to use different type
of bioink to recapitulate different ECM composition to engineer cartilage tissues of
different developmental or degeneration stages [1].

Architectural mismatch between the pre-fabricated 3D scaffold and the defect
site in arthritis lesions often cause lack of integration between the neo-engineered
construct and the surrounding host cartilage [17]. This problem often causes failure
in clinical trials and hence an alternative approach is needed. 3D bioprinting has the
potential to develop arbitrary shaped grafts designed according to the dimension of
particular lesion in a patient-specific manner.

Another major problem associated to chondrogenic differentiation of bone
marrow-derived or adipose derived progenitor cells (hMSCs) is that cells rapidly
undergo hypertrophic differentiation [18]. In early time points of culture hMSCs
express chondrogenic markers (sox-9, aggrecan, collagen type II), leading toward
formation of “transient cartilage”. But with increasing culture time upregulation of
hypertrophic (collagen type X and MMP13) and osteogenic (cbfa-1, osteocalcin,
bone sialoprotein) markers are commonly seen [19]. It is already known that
articular cartilage does not support bone growth while transient cartilage does. The
tissue engineered construct is capable of responding to its surroundings the same
way as transient cartilage cells do in vivo. It would be interesting if 3D printed
cartilage constructs can be used to reveal the underlying molecular mechanisms of
hypertropic differentiation.
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8.3 3D Bioprinting

3D bioprinting offers potential to replicate complex tissue architectures by pro-
grammable fabrication of cell-laden architectures, which allows precise deposition
of cells, biomaterials and matrix components. This technique is unique as the
patterns, pitch, macroporosity, cellular orientations, and biochemical composition
can each be independently controlled. Further the compositional and mechanical
cues of the bioink are expected to govern cellular proliferation, synthesis and
deposition of ECM. Such designer approach for cartilage tissue engineering could
potentially lead to unprecedented reproduction of spatially controlled
cell-instructive microenvironments, targeted zonal-specific signaling, to develop
functionally relevant cartilage.

8.3.1 Bioink

A bioink should fulfill several stringent requirements for 3D bioprinting, in terms of
tailorable chemistry, precisely optimized window of rheology to ensure ease of
printability, ability to pico- to nanoliter level bioink droplet formation, as well as
instant solidification. Hydrogel bioinks recapitulate some features of the natural
ECM. Cell encapsulation in a highly hydrated polymeric bioink helps to deposit
newly synthesized matrix in pericellular region. Bioinks should exhibit
shear-thinning behaviour (viscosity should reduce with increasing shear rate) so that
the bioink can smoothly pass through small diameter nozzles of the printer without
choking. At the same time they should exhibit instant solidification and shape
retention soon as they exit the nozzle. It should also have predictable and tunable
mechanical properties such as tensile or compressive modulus, as well as con-
trollable biodegradation. Bioink composition should be such that the cells
embedded in bioink should be able to degrade and remodel pericellular matrix, as
well as it should support multilineage differentiation of progenitor cells.

Keeping all such goals in mind, silk protein (either isolated from silkworm
cocoon or recombinant source) might be considered as a potential bioink for 3D
bioprinting. Similar to many other biopolymers, silk fibroin protein inherently does
not meet many of these requisites due to following reasons. At low concentrations
(i.e. <20 wt%) regenerated fibroin protein inks show shear thinning behavior [20];
but the concentration is too dilute for printing. Beyond this 20 wt% concentration
regenerated fibroin protein inks display Newtonian fluid-like behaviour [20], where
viscosity is not affected by increasing shear rate. At the same time we should keep it
in mind that, during printing fibroin macromolecular chains undergo shear induced
(<100 s−1) conformational changes from random coil to β-sheet crystal, resulting
from thermodynamic and kinetic processes [21]. This crystallite formation can
choke the micrometer diameter nozzles. Hence, it is highly challenging to print silk
fibroin protein solution without additives.
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At the same time it would be interesting to use silk for 3D bioprinting, as it is
composed of amino acids. The amphiphilic nature of silk protein chains can be
exploited to form precise volume of fibroin protein droplets in the pico- to nanoliter
level, or continuous hydrogel filaments by optimizing the rheological characteristics
of the inks (e.g., viscosity, hydrophilicity, surface tension) at wide range of pH,
ionic strength [20]. The biodegradation of silk-bioink based constructs could be
governed either by modulating the secondary conformations (α-helix, β-sheet,
β-turn content) and/or by controlling length of fibroin chain during fibroin protein
isolation process.

We solved the above mentioned bottlenecks of using silk fibroin protein as
bioink, and reported the formation of complex 3D microperiodic architectures by
direct-writing into a coagulating bath [20] (Fig. 8.1a). The aqueous solution of silk
fibroin ink was extruded in a coagulation reservoir comprising of 86 % methanol.
Following principles of wet spinning technique, a continuous filament-like fibroin
protein was dispensed from the nozzle that retained its shape after coagulation.
86 % methanol was found to be optimal, as it produced a coagulated ink filament
with optimum elasticity required to maintain the shape of the structure while
spanning unsupported gaps of the underlying layers, while being flexible enough to
retain smooth flow through the nozzle. Higher concentration of alcohol bath
resulted in instant solidification and lower concentration led to non-uniform
coagulation or partial dissolution, resulting in broken filaments. After fabricating
one layer (x-y direction), the nozzle was uplifted in the z-direction by programming
to print the consecutive layers until the desired 3D pattern was generated. That was
the first report on 3D printing of silk protein. Further, we could also successfully
culture mesenchymal progenitor cells (hMSCs) over such patterns (Fig. 8.1b), and
induced chondrogenic differentiation [20]. hMSCs changed shapes from a fibrob-
lastic spread morphology to a roundish morphology, along with gradual modulation
in expression of actin cytoskeleton during chondrogenic differentiation.

But this strategy cannot be followed for 3D bioprinting of cartilage, as cells
would die instantly within the alcohol based coagulating baths. Moreover, addition
of another biopolymer may act as dopant, which and may impart shear thinning
behavior, hence eventually improve flowability. With that logic, gelatin was mixed
with silk fibroin protein at various ratios to develop silk fibroin-gelatin interpene-
trating hydrogel based ink [21]. Fibroin-gelatin ink demonstrated shear thinning
behavior across wide range of concentrations. Moreover elastic behavior of the
blend ink was dramatically increased (<2000 fold) compared to only silk ink. For
3D printing, the elastic modulus of the ink should be higher than the viscous
modulus, particularly at low strain %. But that is not the case in most commonly
used polymer solutions, in the form of viscous sol state.

Immediately after printing the bioink should undergo sol to gel transition. In the
process, the whole constructs should also be stabilized as fast as possible in order to
preserve 3D morphology. Hence there is a need to develop rapid, cytocompatible
gelation strategy. An interesting strategy for physical cross-linking of self-curing
silk bioinks was reported by Jose et al. [22] which utilized the evaporation-induced
modulation of silk protein conformations during curing when blended with the
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nontoxic polyol additives. This strategy might allow bypassing of deleterious
curing mechanisms, such as high temperatures, UV light, enzymatic or chemical
cross-linking, which are prevalent in alternative 3D rapid prototyping techniques
and have been required in prior silk bioprinting approaches. We explored two
different in situ crosslinking strategies, namely sonication and enzymatic

Fig. 8.1 a Microperiodic patterns printed using silk ink, b bone marrow-derived mesenchymal
stem cells anchored on silk filaments and proliferating with strong actin cytoskeleton expression

178 8 Case Study: 3D Printed Cartilage



crosslinking [23]. Tyrosinase enzyme oxidizes the accessible tyrosine moieties of
proteins into reactive o-quinone units without cleaving the peptide backbones of the
protein macromolecules. Tyrosinase can induce oxidation to 10–11 and 20 %
tyrosine residues of silk and gelatin respectively. In next step, oxidized quinone
groups either get combined to neighbouring quinone groups or undergo nonenzy-
matic reactions with amines of both gelatin and silk (Fig. 8.2). In depth investi-
gation of such gelation strategy is not only crucial for successful development of 3D
printed constructs, but it is important to generate insight about various chemical
groups developed during the gelation and how that will affect cellular behavior.

8.3.2 Printers

Three major classes of 3D printers are commonly used, based on their working
principles; (i) droplet based bioprinting (electrohydrodynamic jetting, inkjet-based,
acoustic-based ejection), (ii) laser-assisted (stereolithography or its modified ver-
sions, laser guidance direct-writing and laser-induced forward transfer), (iii) extru-
sion-based. Although first generation of 3D Bioprinting commonly used
inkjet-based or laser-based strategies, but currently extrusion-based techniques
are gaining popularity. Various factors are responsible for this selection, for
example affordability, versatility, ease of dispensing diverse types of ink.

Typically an extrusion-based printing technique, for example the Direct-write
3D printer present in our laboratory, are equipped with a combination of controlled
ink-dispensing unit nozzle, a computer controlled automated robotic translation

Fig. 8.2 Schematic showing the mechanism of in situ crosslinking of fibroin–gelatin bioink by
tyrosinase enzyme to form 3D bioprinted cell-laden constructs
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system which can move along x-, y-, and z-directions for bioprinting, an air
compressor unit. Using Direct-write assembly, we could print wide range of bio-
logics for printing (single cells, aggregates, organoids etc.) as cell-cell junction
plays crucial role in forming N-cadherin mediated gap junction, which is prime
requirement for chondrogenesis [24]. Various advanced level 3D printers with
multi-head nozzles and capacity to deposit multiple materials are being offered by
various companies.

8.3.3 Printing Process and Parameters

Success of 3D bioprinting is still a challenging proposition as optimization of
printing parameters (deposition speed, shear force applied, movement of nozzle,
temperature, humidity), design aspects (orientation of cell-laden filaments, pore size
and porosity, interconnectivity), post-printing stabilization methods (thermal,
chemical, UV-based method or enzymatic cross-linking, sonication), the concen-
tration and gradient of growth factors, morphogens, viscosity and surface wetting
characteristics of ink can have a drastic effect on the fate of cells and tissues.
Moreover, bioprinting needs software algorithms which can convert clinical images
(MRI and CT-scans on a patient-specific basis) to working CAD models to make
high resolution 3D patterns. Our understanding is still rather limited for fabricating
‘off the shelf’ engineered cartilage tissues by optimizing all these parameters.

Clinical imaging techniques, such as magnetic resonance imaging
(MRI) and/or computed tomography (CT) are used to develop
computer-aided design (CAD) and computer-aided manufacturing
(CAM) technology based models. Then the CAD/CAM models are trans-
formed into the manufacturing output file, which are transmitted to the 3D
bioprinters for biofabrication of target tissue.

8.4 Characterization of 3D Printed Constructs

8.4.1 Cell Viability

Two major concerns in 3D bioprinting are achievement of high percentage of cell
viability as well as maintaining long term cell viability. Cell viability has been
demonstrated to drastically vary with dispensing micronozzle diameter and the
applied pressure [25, 26]. During extrusion, cells may face shear forces within the
bioink/hydrogel system due to applied pressure, which in turn could potentially
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induce apoptosis or rupture cell membranes [27]. Nozzle diameter and viscosity of
the bioink predominantly determine the level of shear force on the encapsulated
cells, as well as the maximal time required for developing a clinically relevant sized
constructs [28]. Thus, optimizing these parameters would be critically important to
achieve maximum cell viability.

Some studies reported initial drop in cell viability [29] immediately after
printing, followed by gradual recovery by cell proliferation. This finding highlights
the requirement for a high cell seeding density to start with. However, in most of the
3D bioprinting studies show viability only up to 3–7 days [30]. There is curious
paucity of long term cell viability results. Bioink’s hydrated network should allow
diffusion of nutrients, gases and metabolites and metabolic waste removal for
increased cell viability.

For the first time, we demonstrated the use of silk-gelatin bioink that could
support 82–87 % of viability of human nasal turbinate tissue-derived Mesenchymal
stem cells (hTMSCs) for at least a month [23]. Live and dead staining (Fig. 8.3)
results should be validated by other relevant techniques such as DNA quantifica-
tion, Cell Counting Kit-8 (CCK-8) to extrapolate data on cell proliferation.

8.4.2 Printing of Chondrogenic Construct
and Characterization

The nature of bioink and composition as well as matrix stiffness are key deter-
mining factors for regulating proliferation of cells confined within the hydrogel
bioink. In this context, Das et al. [23] encapsulated hTMSCs silk-gelatin matrix
prepared by different cross-linking methods (tyrosinase crosslinking or sonication).

Sonication-induced fibroin-gelatin bioink exhibiting around 2 times higher
β-sheet content, compared to enzyme-induced bioink. Difference in β-sheet-crystal
content resulted in several interesting observations. Firstly, the lesser stiffness of
bioink hydrogel was more suited for cell proliferation. Secondly, sonication-
induced fibroin-gelatin bioink resulted in relatively lower degradation profile. Most
interestingly, when we explored multilineage differentiation of hTMSCs, we
noticed that due to higher order of matrix stiffness cells had higher propensity to
express osteogenic markers with time dependent upregulation. The stiffer matrices
are known to initiate specific cell-mediated contractions within the confined 3D
microenvironment hence preferentially regulating osteogenic commitment [31].
While tyrosinase crosslinked matrices with lesser β-sheet content, favoured chon-
drogenic differentiation of encapsulated hTMSCs, as evidenced by strong alcian
blue staining, as well as immunofluorence staining for aggrecan and collagen type
II (Fig. 8.4). In presence of chondrogenic differentiation factors at day 14, the level
of early chondrogenic transcription factor SOX9 mRNA expression was 5.5-fold
upregulated in sonication-induced silk-gelatin bioink compared to alginate. At day
21, hTMSCs embedded in tyrosinase crosslinked construct showed statistically
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significant expression of SOX9 than that of cells in sonication-induced bioink
(twofold higher) and alginate (fivefold higher). Aggrecan gene expression was
higher in tyrosinase crosslinked constructs at all the time points. At day 21 aggrecan
expression was 13-fold higher compared to that of alginate construct. Collagen
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type-II mRNA expression level was higher in tyrosinase crosslinked silk-gelatin
construct compared to that of sonication-induced bioink and alginate at all the time
points, with 2.5- and 5-fold changes at days 7 and 14, respectively. However,
Collagen type-II expression was not statistically significantly different between two
types of silk-gelatin constructs at day 21. Taken together, silk fibroin-gelatin bioink
based 3D printed constructs supported chondrogenic differentiation of progenitor
cells.

In another study based on silk-gelatin bioink, we deposited bone marrow-derived
hMSCs and primary articular chondrocytes, either as dispersed cells or aggregates,
and we investigated the effect of matrix on regulating the chondrogenic signaling
mechanisms of deposited cells [32]. Our results indicated that the silk-gelatin matrix
facilitated the proliferation (measured DNA content), migration, matrix synthesis
and remodelling of the deposited hMSCs into phenotypically stable cartilaginous
tissue with suppressed hypertrophy. The committed chondrogenic differentiation
along with reduced hypertrophy was found to be a combinatorial effect of; bioink
composition, matrix diffusivity and remodelling, cell type and seeding modality,
proteoglycan production. The role of two major signaling pathways, hypoxia
mediated HDAC4 and TGF-β mediated SMAD4 signaling was evidently noticed
[32].

Hypertropic differentiation of chondro-progenitor cells are a common problem to
all the polymeric matrix explored so far. For example, cells in Gelatin methacry-
lamide ink (gel-MA), which is commonly used for 3D Bioprinting [33], also
reported to undergo hypertropic differentiation. gelMA-encapsulated hMSCs were
cultured in vitro for 2 weeks to provide a cartilage template that was subsequently
remodeled in vivo into mineralized bone tissue harboring bone marrow cavities. So
cells in gelatin methacrylamide bioink underwent hypertropic differentiation, sim-
ilar to endochondral ossification in vivo [34]. Hence, our findings strongly indicate
that silk fibroin-gelatin bioink seems to be advantageous compared to other bioinks
in providing signals for minimizing hypertropic differentiation.

Taken together, we have developed innovative silk fibroin-gelatin
hydrogel-based bioink formulations to biofabricate intricate complex and pheno-
typically stable 3D cartilaginous structures. Silk-gelatin hydrogel ink has provided
the cells with a biologically relevant microenvironment for matrix remodeling and
accumulation of newly synthesized matrix. Despite these promising results sig-
nificant challenge are still remaining to be solved in the bioprinting of articular
cartilage constructs, to develop a load-bearing mechanical environment, strategies

b Fig. 8.3 a 3D bioprinting of anatomically relevant sized cartilaginous construct using silk
fibroin-gelatin ink, in which dispersed cells are distributed within filamentous pattern, and
filament-filament distance can be pre-decided b 3D microperiodic patterns showing filament
structures and porous architecture of the printed construct, c live and dead viability staining
showed high cell viability of chondrocytes encapsulated within printed constructs. Green
fluorescence is representing the live cells and red is generated by the autofluorescence from
silk-gelatin filaments. We could successfully identify cells deposited in multiple layers within the
3D printed pattern designed to replicate anatomical 3D organisation of tissue
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to minimize hypertropic differentiation etc. Hopefully, with the versatility of 3D
bioprinting technologies it will soon be possible to develop more complex

Fig. 8.4 Chondrogenic differentiation of mesenchymal stem cells in 3D printed constructs,
showing a alcian blue staining, b alcian blue staining around the cells, c aggrecan staining and
d collagen type II staining at 4th week. Intensity of staining increased with culture time
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functional cartilaginous tissue interfaces in patient-specific manner. Various other
researchers around the world are also exploring development of innovative bioinks
[35] for cartilage bioprinting, as well as strategies to minimize hypertropic differ-
entiation by probing role of microenvironment created by such bioinks [36].

8.4.3 Bioprinting of Complex Cartilaginous Tissue
Constructs

Attempts are being made to develop more complex cartilaginous tissues, for
example heterogeneous hydrogel based constructs for 3D printing of osteochondral
grafts. Both human chondrocytes and osteogenic progenitor cells were bioprinted
and cultured in vitro for 3 weeks, followed by 6 weeks implantation subcuta-
neously in immunodeficient mice. This study showed that it was possible to
develop different types of tissues in same construct [37].

In another study, polycaprolactone fibres and chondrocytes were suspended in a
fibrin-collagen hydrogel, which have been printed to develop a cartilage construct.
The study demonstrated that the constructs formed cartilage-like tissues both
in vitro and in vivo, and with enhanced mechanical properties [38].

Congenitally malformed external ears (microtia) offer significant psychological
as well as social burden. Moreover many patients demand auricular prosthesis or
synthetic implant (silicone, nylon, Teflon based structures) after trauma, where
external ear is damaged. Although auricular cartilage is a fibrocartilage, but com-
plex shape, and patient-specific intricate architecture make it a huge challenge to
engineer external ear. So far attempts have been made to replicate complex 3D
shape of human auricle by using nonwoven fabrics, hand sculpted matrix,
impression molds, which fail to reproduce patient-specific curvature and architec-
ture, which is exactly symmetrical to the other ear. In collaboration with clinicians
from Safdarjung hospital, New Delhi, we tried to develop a proof of concept
prototype using MRI data from a patient, and develop a mirror image CAD model.
Finally 3D printed auricular cartilage was prepared (Fig. 8.5). Next steps would
involve coculturing multiple cell populations, in order to achieve covering of
auricular cartilage with perichondrium and skin (by culturing fibroblast, ker-
atinocytes and melanocytes) [39]. Advanced biofabrication techniques involving
simultaneous or sequential deposition of multiple cell types will allow us to achieve
this target. Tensile modulus of native human auricular tissue is around 16 MPa,
whereas the ultimate tensile strength is 2.18 MPa. Auricular cartilage also possesses
remarkable elasticity and bending modulus, which is still difficult to achieve.
Commonly used hydrogels cannot achieve such mechanical characteristics.
Development of fibre-reinforced or particle-reinforced printed constructs may
enable to progress toward developing functional, clinically relevant auricular
construct.
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8.5 Future Perspective

During human tissue development in embryonic stage, cellular orientation, differ-
entiation and matrix synthesis are tightly regulated by time-dependent delivery of
morphogens or soluble factors in spatially controlled 3D microenvironment.
Conventional tissue engineering strategies employ culturing cells on 3D porous
scaffolds, leading to uniform localisation of cells and those factors and eventually
resulting in unwanted non-physiological cellular responses. Moreover, these
strategies invariable fail to recapitulate the cellular organization and complex
anatomical architecture of human organs. Next generation of tissue engineering
should have personalized approach. Bioprinting offers fascinating potential to
generate clinically relevant sized cartilage constructs (centimeter scale). Moreover,
understanding of heterogeneous tissue microenvironment using hydrogel-based
bioinks possessing differential stiffness, chemical compositions may pave the way

Fig. 8.5 Auricular cartilage
formation by 3D bioprinting
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to develop complex cartilage tissues such as, osteochondral tissue, intervertebral
disc, auricular tissue etc.
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Chapter 9
Clinical Trials

9.1 Introduction

Many developing nations, like India, are is in the state of a major shift in demo-
graphics towards elderly populations. As per the 1991 census, the population of the
elderly in India was 57 million as compared with 20 million in 1951. Since then
there has been a sharp increase in the number of elderly persons between 1991 and
2001 and it has been projected that by the year 2050, the number of elderly people
would rise to about 324 million [1]. India, having the highest elderly population by
2025, has thus acquired the label of “an ageing nation” with 7.7 % of its population
being more than 60 years. The increase in life expectancy of Indians has a direct
and amplifying effect on the prevalence of edentulism. With the increase in age,
there is a greater risk of hip fractures, knee fractures or other life-threatening
diseases, like cardiac problems. Apart from the use of relevant drugs, hip/knee
replacements require the use of biomedical devices, which have to undergo clinical
trials.

It needs to be categorically mentioned that the clinical trial is the final end-
point experiment for any biomedical device prototype with the aim of
ensuring the performance validation in patients.

Typically, clinical trials are sponsored by a governmental organization or a
pharmaceutical, biotechnology or medical device company and are very common in
drug or new medical devices. These experiments generate data on safety and effi-
cacy [1]. They are conducted only after they have received health authority/ethics
committee approval in the country where the trials are to be conducted. The
responsible institutional/national authorities are responsible for vetting the
risk/benefit ratio of the trial and it needs to be understood that their approval does
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not mean that the therapy is ‘safe’ or effective, but only that the trial may be
conducted. In the United States, all clinical trials submitted to the FDA as part of a
drug approval process are independently assessed by clinical experts within the
Food and Drug Administration, including inspections of primary data collection at
selected clinical trial sites.

In the context of prosthodontics, the edentulism has also an indirect effect on the
oral health related quality of life. The Quality of life is improved with good oral
health that allows one to speak, chew, taste, smile, live without pain or discomfort
and interact socially without embarrassment. The current status of the Indian
population reveals that over half of the population has experienced tooth loss. The
Level of complete edentulism in the general population varies from 14–16 %
mostly in the 60-year age group. Studies have reported a higher rate of edentulism
in both the urban and rural elderly populations with around 91.2 % in the elderly
above the age of 65 years [2]. Considering the goals above, affordable treatment to
the existing edentulous population, both in the urban and rural sectors, should be
emphasized. Since dental equipment and machinery, as also dental materials, are
quite costly, only a few can afford dental treatment and it is imperative that cost
should be contained and reduced by developing alternative indigenous material.
This has motivated a large number of researchers to develop dental implants, and
their clinical efficacy is to be established using clinical trials.

9.2 Some Concepts and Definitions

9.2.1 Clinical Trial

A Clinical trial is an experimental research protocol of an authorized intervention
carried out on human volunteers for evaluating the performance of a new
biomedical device, method of treatment, drugs or vaccines, etc. in comparison with
an existing treatment option or a placebo (no intervention).

As far as the terminology is concerned, animal experiments carried out to assess
in vivo biocompatibility are termed pre-clinical trials. Similarly, human participants
or human subjects taking part in experiments or investigation in clinical settings are
known as clinical trials.

9.2.2 Clinical Trial Protocol

A clinical trial protocol is a documentation ordained by a committee of biomedical
researchers/clinicians for defining and regulating the conduct of the trial. The study
investigators must, in word and spirit, truly abide by the clinical trial protocol. The
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background, hypothesis, rationale, goals, design, experimental methods, suitable
number of participants for each phase and the overall management of the trial is
summarized in the trial protocol.

9.2.3 Good Clinical Practice (GCP)

GCP is a worldwide standard of clinical ethics in science, especially for organizing,
implementing, data recording and reporting experimental trials that involve human
volunteers. For any clinical trial, GCP guidelines also define the roles of clinical
trial sponsors, research investigators, and monitors. Concurrence with good clinical
practice (GCP) assures that the safety of the participants is paramount and that the
clinical trial has credibility in data recording and analysis. The GCP is an inter-
nationally accepted quality standard conceived by the International Council for
Harmonisation of Technical Requirements for Pharmaceuticals for Human Use
(ICH), in order to expedite drug trials by the mutual acceptance of clinical data
generated in the European Union, Japan, the United States and many other coun-
tries. A related set of rules for the clinical trial of biomedical devices is the inter-
national standard ISO 14155, which is accepted in the European Union as a
harmonised standard. The ICH-GCP for drugs/pharmaceuticals is globally adopted,
while the ISO 14155 is yet to be universally accepted. The general principles of
ICH-GCP and ISO 14155 are the same. These regulatory standards for clinical trials
are known as ICH-GCP or ISO-GCP guidelines. Their focus is different i.e., drugs
versus medical devices.

9.2.4 Good Laboratory Practice (GLP)

GLP was originally introduced by the Food and Drugs administration (FDA) as a
formal regulation to monitor the working of research laboratories in the United
States. GLP is a set of principles that provides guidelines for laboratory studies with
regard to planning, conducting, recording, reporting and archiving experimental
results. GLP mainly pertains to non-clinical research studies. As a part of GLP, all
the materials/reagents and instruments used for the study are quality checked and
validated. GLP ensures infraudulent/unbiased conduct of experiments, data acqui-
sition, analysis and reporting of the studies in a truly legitimate manner such that
the conclusions of the studies can be utilized for the future design of experiments,
be they sub-clinical or clinical. GLP accentuates the reliability of the laboratory
generated experimental toxicity (acute and chronic) data, which forms the basis for
the approval of similar studies in human volunteers or clinical trials. GLP is often
confused with lab safety such as using lab coats, glasses, and gloves, which is a
misnomer.
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9.2.5 Klimisch Score

With reference to a GLP study, the reliability of evidence in general and test
reports, publications or experimental data of a study, in particular, are indicated by
the Klimisch score. This score is assigned a value as follows: 1—reliable without
restrictions, 2—reliable with restrictions, 3—not reliable and 4—not assignable.
Studies conducted in concurrence with GLP are assigned a Klimisch score of 1 and
this is preferred by regulatory bodies. In the absence of GLP for a particular
endpoint, a score of 2 is also acceptable.

CONSORT: The Consolidated Standards of Reporting Trials (CONSORT)
provides guidelines as how to conduct clinical trials and develop protocols.
A number of biomedical journal editors as well as funding agencies prior to funding
any clinical trial always desire the investigators to follow CONSORT guidelines. In
particular, such guidelines include evidence-based recommendations for conducting
and reporting randomized trials. The goal of CONSORT is to develop a new
yardstick for evaluating the quality of randomized controlled trial reports (RCT). As
per the guidelines, the conduct of equivalence or non-inferiority design as well as
the inclusion of a criterion for engaging human volunteers needs to be followed. An
outcome of CONSORT is the CONSORT statement, which is a 25 item checklist
concerning study details such as how the trial was organized, conducted and
interpreted. More information is available at the website, www.consort-statement.
org.

9.3 Some Illustrative Examples to Substantiate the Need
of Clinical Trials

It is well known in the biomedical community that clinical trials are to be designed
with respect to a specific disease model. This is in line with a similar rationale that
is commonly followed while assessing the biocompatibility of implantable
biomaterials.

To substantiate this, the cell lines or the animal model to be used for in vitro/
in vivo biocompatibility assessment particularly depend on the end-point
application of a given biomaterial.

In the following, a few examples will be presented for researchers to realise how
a clinical trial could be planned for some biomaterials, which are proven to be
biocompatible in vivo.
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9.3.1 Osteoporosis Treatment

Osteoporosis, a commonly reported disease among post-menopausal women and an
ageing population, is characterized by an imbalance in the functionality of osteo-
blast (bone forming) and osteoclast (bone resorption) cells, leading to the disruption
of bone remodelling. This consequently makes the bone porous and prone to
fracture. The prevention of such bone resorption is a primary requirement for the
maintenance of the implant in elderly patients, who otherwise have to undergo
revision surgery.

For the treatment of osteoporosis, the widely-used SrR (Strontium ranelate)
drug, combines two atoms of stable strontium with the organic moiety (ranelic
acid). The biophysical role of SrR is reported to be through the strontium cations
themselves, which have been shown to work both in vivo and in vitro by stimulating
osteoblasts to make new bone and preventing osteoclasts from resorbing bone,
leading to the restoration of the normal bone remodelling balance [1]. Motivated by
the recent use of strontium ranelate (SrR) under the trade name, Protelos, for the
treatment of osteoporosis, a number of research groups have investigated the bio-
compatibility of Sr-containing glass-ceramics and bioactive glasses [2–5]. For
example, the in vivo biocompatibility and bone healing of strontium (Sr)-stabilized
bulk glass ceramics with the nominal composition of 4.5SiO2–3Al2O3–1.5P2O5–

3SrO–2SrF2 during implantation of up to 26 weeks in a rabbit (animal) model has
been reported recently [References]. The overall biocompatibility assessment using
fluorescence microscopy, histological analysis and micro-computed tomography
unequivocally confirmed the long term implant stability as well as the osteocon-
ductive property of 100 % Sr-substituted glass ceramics, which is comparable to
that of a known bioactive implant. The rationale for pursuing research on
Sr-stabilised glass ceramics is that Sr, like Ca, can stimulate the Ca–sensing
receptors at the cell membrane of osteoblast cells. These, in turn, influence RANKL
production and reduce the osteoblast proliferation or can even cause apoptosis. The
enhanced proliferation and differentiation of osteoblasts in the presence of Sr is
believed to increase neobone formation and this is the result of the stimulation of
homeostatic local hypercalciuria around the implant [6–9].

In the context of the discussion in this chapter, it should be evident that
Sr-stabilised biomaterials in osteoporotic human patients is warranted to realize
clinical efficacy. In such clinical trials, the control subjects can receive the fore
mentioned Strontium ranelate drug at clinician-prescribed doses for a planned
treatment time. Bone-healing can be monitored and compared with reference to test
subjects, who received the strontium-stabilised biomaterial devices. This is one of
the examples where the clinical efficacy of using biomaterials vis-à-vis the currently
used drug can be established.
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9.3.2 Clinical Trials on New Hip Implants

There has been a consistent effort to develop biomaterials with better combinations
of mechanical/tribological properties and uncompromised biocompatibility for
articulating surfaces like hip joints, knee joints, elbow joints etc. For example, some
Indian researchers have recently developed ZrO2-toughened—Al2O3 femoral ball
heads and acetabular sockets for total hip joint replacement applications. It can be
perceived that these new device prototypes could have a different set of
performance-limiting properties in comparison to commercially available
(Depuy-Stryker etc.) similar biomedical devices of comparable compositions. The
difference can be due to the sequence of processing/manufacturing stages adopted.
In order to establish the clinical efficacy of lab developed prototypes, clinical trials
are therefore warranted with two groups of human subjects, where one group
receives the newly developed devices and the other group receives commercially
available biomedical devices.

The long term survival and performance of human patients can be used as a
reflection of the clinical efficacy of such methods.

9.3.3 Prosthodontic Treatment

A dental implant is an artificial tooth root made of a natural and/synthetic bioma-
terial. This biomaterial implant is used to support a dental prosthesis
(implant-supported crown, bridge or denture), that resembles natural teeth (see
Fig. 9.1). Implant prostheses offer a more predictable and fixed treatment option
than traditional restorations. It is worthwhile to emphasize here that the number of
implants inserted by dentists across the globe is increasing [1]. Therefore, the future
trend is towards improving dental health care services promoting healthy aging with
research and development on smart biomaterials and better designs of dental
implants.

There are around 220 FDA approved implant systems globally. Most implant
systems are from North America (USA, Canada), Europe (Netherlands, Italy,
France, Switzerland, Asia (Israel, Korea) and South America (Brazil). The cost of
the medical devices imported from international countries to India include a 10 %
duty rate and CESS (3 % duty) with an additional countervailing duty [9]. An
international dental implant per se costs a minimum of Rs. 4000–8000, while the
implant system charges vary according to the manufacturer with a minimum of
Rs.10,000 with abutment. An Indian implant system made of commercially pure
titanium was developed by the Defense Research and Development Organisation
(DRDO) in 2004. The Wane Core implant system made up of titanium alloys is also
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currently in the market. Titanium alloys are, at present, majorly used as dental
implant biomaterial.

Implant macrodesign and surface topography are the critical factors responsible
for the osseointegration of an artificial tooth implant. Various designs have been
proposed for the root such as screw, cylindrical and hollow basket geometries (see
Fig. 9.2). Hollow basket geometries (Fig. 9.2a) have become obsolete, but screws
(Fig. 9.2b) and cylinders (Fig. 9.2c) are now synonymous with threaded and
non-threaded implants, respectively. Both threaded and non-threaded implants are
manufactured as straight, tapered, conical, ovoid and trapezoidal shapes [10].

It needs to be categorically mentioned here that if the implant design is altered
for the same biomaterial, clinical trials are to be conducted. With reference to
the above, if Ti6Al4V based threaded dental implants are investigated at a lab
and commercially available non-threaded implants are routinely used with
human patients, then clinical trials with a threaded implant are to be per-
formed in human subjects and the results are to be compared with the per-
formance of non-threaded implants in human subjects.

In view of the lower complexity in terms of the safety aspects associated with
dental implants when compared to orthopaedic implants or cardiovascular implants,
the clinical trials with dental materials are reported more in the literature [10–13].

Fig. 9.1 Schematic of screw typed tooth implant showing the abutment, implant, and periodontal
ligament and bone near to the implant
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9.4 Types of Clinical Trials and Randomised Control
Trial

Figure 9.3 presents a summary of the various types of clinical trials. In a clinical
observational study, the investigators observe the subjects and measure their out-
comes. The researchers do not actively manage the study. In an interventional
study, the investigators give the research subjects (human patients) a particular
medicine or other intervention. Usually, they compare the treated subjects to sub-
jects who receive no treatment or standard treatment. Then, the researchers measure
how the subjects’ health changes over the treatment time or thereafter.

Another way of classifying trials is by their purpose. The U.S. National Institute
of Health (NIH) organizes trials into different types. For example, screening
trials test the best way to detect certain diseases or health conditions. Diagnostic
trials are conducted to find better tests or procedures for diagnosing a particular
disease or condition. Treatment trials test experimental treatments, new combina-
tions of drugs, or new approaches to surgery or radiation therapy.

There are various ways of conducting clinical trials but the method having the
highest quality of evidence the Randomized controlled trial (RCT). It is widely
considered a gold standard design of conducting clinical trials. RCTs have three
important features.

Fig. 9.2 Various types of geometry for tooth implant a hollow basket b screw and non-threaded
(c)
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9.4.1 Randomization

Randomization is a process to ensure that each participant has the same
chance of being assigned to either intervention or control.

This is in view of the fact that the procedure selection bias has been documented
to have a very strong effect on outcome variables. Each patient should have an
equal chance to be given either an established drug or a new drug in the market. It
should not be based on doctor choice, patient choice, or any other condition. It is
done by using a computer generated number, and by utilizing the services of the
nurse. Therefore, randomization is effective in reducing bias, because it guarantees
that treatment assignment will not be based on the patient’s prognostic factors. If
randomisation is adopted, the investigators cannot favor one treatment group over
another by assigning patients with better prognoses to them, either knowingly or
unknowingly.

9.4.2 Allocation Concealment

The word ‘concealment’ means to keep something secret. Therefore, allocation
concealment refers to the technique used to implement the sequence.

Research Studies

Non 
Randomized Randomized 

Control 
Study

Descriptive Analytical 
Study

Experimental 
Study

Observational 
Study

Cross 
Sectional

Case 
control

Cohort 
Study Controlled 

Study 

Cross 
Over

Fig. 9.3 Summary of various types of study related to clinical trials
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The allocation concealment mechanism aims to prevent participants and
recruiters from knowing the study group to which the next participant will be
assigned.

Allocation concealment is possible with all types of trials, including un-blinded
trials, and is therefore universally recommended. To substantiate, a patient is
allocated a new drug by a nurse (a sealed envelope inside which A or B was
mentioned but not the drug name). The patient takes this envelope and goes to the
pharmacy and shows the envelope which will be opened by the pharmacist and is
hand over Drug A or Drug B. This will ensure that neither the nurse nor the
pharmacist knows which patient is taking which drug—the color, shape, and outer
covering of the drug should be same for both drugs.

9.4.3 Blinding

The word ‘blinding’ means masking.

The purpose of blinding is to reduce biases in the clinical trial experiment.

The use of each blinded group eliminates a different source of bias. It is most
useful when there is a subjective component to treatment or evaluation. Again, this
is hiding which patient has taken which type of drug from the investigator who will
measure for example, reduction in pain after giving drug A or drug B. For example,
the investigator would not know which patient has received drug A or B, as he
would measure the outcome of drug intervention in terms of pain reduction. Thus,
this aspect would make the RCT ‘investigator blinded’ or ‘outcome accessor
blinded’. A single blind protocol requires that the experimenter does not know the
identity of the samples or animals during the testing and calculations. It is appro-
priate when no human subjects are involved. A double blind protocol comes into
play when human subjects are tested and requires insuring that neither the exper-
imenter nor experimental subjects have a knowledge of the identity of the treatment
or the results until after the experiment is complete.

With reference to drug trials, after the collection of how much reduction of pain
occurs in the two groups (established drug or new drug), the data will be given to a
statistician without providing any indication about the origin of the data. This is
called statistician-blinded.

The international committee of medical journal editor (ICMJE) recommenda-
tions, which is followed by most peer-reviewed journals in the medical sciences,
warrants the use of CONSORT (Consolidated Standards of Reporting Trials)
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(http://www.consort-statement.org/) guidelines of reporting Randomized controlled
trials. It is a 25-item checklist, which is to be submitted mandatorily with article
submissions to the Journal.

Depending on the product type/the stage of development, the investigators ini-
tially enroll volunteers and/or human patients into small pilot studies before con-
ducting a clinical trial at a single research center or multiple centers in one country,
or in multiple countries.

The biggest barrier to completing the studies is the shortage of people who take
part. All drug and many device trials target a subset of the population, meaning not
everyone can participate. Some drug trials require patients to have unusual com-
binations of disease characteristics. It is a challenge to find the appropriate patients
and obtain their consent, especially when they may receive no direct benefit (be-
cause they are not paid, the study drug is not yet proven to work, or the patient may
receive a placebo).

9.5 Clinical Trial Phases

Prior to the start of a clinical trial study on a biomedical device/implant, preclinical
data with reference to in vitro experimental results as well as in vivo biocompati-
bility results (small/medium/large animal implantation experiments) are to be col-
lected and appropriately assessed. This stage however does not require Ethical
committee approval or a registration number.

A clinical trial normally comprises four phases and these phases are described
with reference to the drug trial.

The distinction between the different phases of the clinical trial is essentially
based on the number of human subjects investigated at each phase and the
number of subjects progressively increases at each phase to validate the
clinical trial outcome in more populations with the endpoint being to ensure
the safety and efficacy of a specific disease treatment in human patients.

It can be recalled here that an in vivo biocompatibility assessment on an
implantable biomaterial is also carried out first on a small animal model, a
medium-sized animal and finally on a large animal model with the rationale of
validating the osseointegration or compatibility with osseous structures in a more
and more complex biochemical environment in vivo.

Phase I pertains to human pharmacology, wherein the objective is to determine
the maximum dosage tolerance and study the adverse reactions that can be elicited
by the drug formulation in both healthy male and female volunteers.
Pharmacokinetic parameters such as drug absorption, distribution in different tis-
sues of the body, metabolism and excretion are ascertained to support the dosage
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regimen by testing in different age groups. Also, the pharmocodynamics of the
formulation by determining drug concentrations in the blood at different time points
after administration are evaluated in patients with the target disease. Phase I or the
limited clinical trial can be conducted at a single center and can be carried out with
20–80 patients.

Phase II relates to therapeutic exploratory trials for further assessment of the
safety and effective dosage in patients with mild and severe disease. The drug
dosage tested here is below the highest dose in phase I and is also examined in
concomitant medication for other ailments. As a norm, 100–300 patients are studied
per dose and the trial is conducted in 3–4 centers.

Phase III of the therapeutic confirmatory trials is a multi-centered clinical trial in
a large number of male and female patients (1000–3000). At this stage, the efficacy
of the new drug formulation is compared with an existing standard drug or a
placebo in case of the unavailability of standard drugs with the aim of assessing the
performance of the new drug against the existing medication for the particular
disease or ailment in question. The drug is approved for marketing and sale off the
counter, after the successful completion of the phase III trial.

After the dissemination of the drug to the market in phase III, the final phase IV
comprises the surveillance of drug performance and gathering information on the
risks and/or benefits upon prolonged usage. This data must be correlated with the
toxicity data in animals generated prior to the start of the clinical trial. Such data are
necessary for optimizing the drug usage by the licensing authority. A drug may be
withdrawn from the market and stopped from further production with immediate
effect by the drug license regulatory bodies under instances of greater toxic effects
than benefits reported after long term use.

Similar to drug trials, a host of biomedical devices need an evaluation of device
performance in animals and humans. A medical device is defined as an inert
diagnostic or therapeutic object that does not achieve any of its intended purposes
by chemical action within or on the body. By virtue of risk evaluation, medical
devices can be categorized into non-critical devices (e.g. thermometers, blood
pressure apparatuses) and critical devices (e.g. pace makers, implants and cathe-
ters). It is now being widely realized that data on the efficacy of devices, and
adverse reactions, if any, must be documented before pre-market certification.
Implantable devices such as orthopedic implants (hip/knee joints), cardiac pace-
makers, artificial heart valves and cardiovascular stents require a systematic
pre-clinical and clinical investigation prior to their certification and marketing.
Currently, most of the devices imported by India are approved by the Federal Drug
Administration (FDA) of the United States of America. However, the need for
developing indigenous biomedical technology with the goal of reducing production
costs has spurred the setting up of the Indian Medical Device Regulatory Authority
(IMDRA) by the Government of India. It is, however, important to make a clear
distinction between devices and drugs. For clinical trials of devices, phase I is
non-existent as devices cannot be tested on healthy volunteers. Hence, they are
tested directly in patients in phase II. The risk assessment of critical devices used
continuously, such as intraocular lenses, need greater attention compared to those
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used intermittently, like contact lenses. Such intra body devices need prolonged
testing in phase III and phase IV. Overall, a rigorous investigation of biomedical
implants and device components must be undertaken at the lab, followed by animal
experiments before proceeding to clinical trial in humans for device certification.

Although the term “clinical trials” is most commonly associated with the large,
randomized studies typical of Phase 3, many clinical trials are small. They may be
“sponsored” by single researchers or a small group of researchers, and are designed
to test simple questions. In the field of rare diseases, sometimes the number of
patients is the limiting factor for the size of a clinical trial.

One aspect that needs some attention prior to the start of clinical trials on
biomedical implants is sterilization. The sterilization of implants can be carried out
using three modes. Also, many sterilization methods are taken from food processing
industries. For most metallic or ceramic implants, steam sterilization is carried out
in an autoclave at 120 °C under steam pressure. This is the most widely used.
Another method can be chemical sterilization using Ethylene oxide (ETO). The
third mode is Gamma ray sterilization, which is often used for polymeric implants.
Typically, the Gamma chamber has a Co60 source, which works both at low and
high doses. A typical gamma dose of 10 kGy is used for food processing, while
25 kGy is used for the regular disinfection of metal/ceramic/polymer implants.
Depending on the dose rate of the instrument, the developed implants will be
irradiated for a given timeframe. Since the gamma dosage can influence the material
properties, the researchers have to investigate the phase assemblage (XRD/FTIR/
Raman), microstructure (SEM) and mechanical properties (strength/hardness) to
understand the effect of Gamma irradiation on a potential decrease in properties. It
may be worthwhile to mention that the steam autoclave is by far the most widely
used in clinical scenarios (hospitals). Depending on its material composition, the
sensitivity of an implant towards any of the afore-mentioned sterilization modes
differs and accordingly, the sterilization is to be conducted.

9.6 Ethical Issues and Approval Processes

The basis for conducting biomedical device and drug trials involving human vol-
unteers must, in word and spirit, be in accordance with the fundamental principles
of human ethics. These include respect for the participants, benefits to human
healthcare, harmless or minimal risk to the participants, justified compensation
under extreme circumstances and many more specific to the study in question. Prior
to conducting any clinical trial, the goals of the study are to be explicitly stated and
the proposal must be well supported and substantiated with laboratory and animal
data proving the rationale for studies involving human subjects. In addition to the
scientific aspects, the experiments must be performed in concurrence with the
country-specific ethical and legal requirements of the study protocol. It is the pri-
mary duty of the principal investigator of the clinical trial to educate the participants
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and inform them of the potential risks/dangers and/or benefits of enrolling in the
study. Before the commencement of the study, it is mandatory to obtain the
informed consent of the participants or guardians for minors by furnishing
important study information and details to them. The disclosures should include the
purpose and duration of the study, procedures, risks, benefits, compensation policy,
permission to store biological samples and volunteer data, free medical treatments
in case of unforeseeable accidents arising from the study protocol, and withdrawal
from the study at any stage as deemed fit by the participant. This information must
be made available in language that can be easily understood by the local population,
where the study is being conducted. All the official paperwork related to conducting
the trial must be submitted and approved by the Institutional ethical committee and
Drug Controller General (India) (DCGI), if the trial is conducted in India or by a
similar competent authority in another country. The researchers conducting the
study must be well qualified and competent to undertake an unbiased/fair the study,
analysis and publication of the results.

The following points, therefore, need to be critically considered prior to the start
of any clinical trial:

i. First of all, the necessary permission to use any new drug for human use needs
to be taken from the Drug Controller General of India, New Delhi. The
necessary paper work is generally filed by the manufacturing company, but
can be done by any individual as well. The Investigator should enclose the
institutional ethical committee approval with the application or, if already
taken, then attach the approval letter. There is no need to take permission from
the DCGI, if the drug/device is already in the market.

ii. After taking permission from the DCGI, the investigator has to take approval
from the Institutional ethical committee of the institute/hospital where the
clinical trial will be conducted. If the clinical trial is multi-centric, then all the
centres have to take ethical approval separately. All the details about the
clinical trial will be given to each patient in the written format and in their
local language. If the patient agrees, then the patient has to sign a consent
form. The following points need to be considered prior to the start of any
clinical trial:

a. The Clinical trial will not harm (even if chances of harm are present then
they will not be more than routine harm which may occur in normal
circumstances) the patient.

b. The involvement of the patients will be completely voluntary and a patient
will have the freedom to ask any question. Also, the patient can leave the
clinical trial at any point of time without giving any reason.

iii. The next step is to the submit necessary paperwork for the inclusion of the
study in the clinical trial registry of India (www.ctri.nic.in) or the WHO
clinical trial registry (http://www.who.int/ictrp/en/). The Investigator can fill
the clinical trial details online in only one database and it will automatically be
shared between the above two databases. It is mandatory to register in the
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clinical trial registry, before enrolling the first patient. The various criteria to
be considered while enrolling the patient typically include the type of drug,
dose, investigations, duration of the clinical trial, place of trial, investigators
contact details, ethical committee approval letter and other details. The clinical
trial registry of India is managed by the Indian Council of Medical Research,
New Delhi.

iv. After taking DCGI approval (if needed), Institutional ethical committee
approval, (mandatory in any clinical trial), registering in the clinical trial
registry of India (mandatory in any clinical trial), the first patient can be
enrolled.

v. It is the duty of the principal investigator (PI) to register for the clinical trial.
The Prime sponsor can register if so agreed in the Memorandum of
Understanding. In a multi-centric or multi-sponsored trial, the lead PI or lead
sponsor should register the trial. In a multi-national trial, the Indian PI should
register the trial in CTRI, mentioning the relevant registration numbers in the
registries of other countries.

vi. All volunteers being considered for a trial are required to undertake a medical
screening. Requirements differ for different trials, but typically volunteers will
have the following tests in a clinical laboratory:

(a) Measurement of the electrical activity of the heart (ECG)
(b) Measurement of blood pressure, heart rate and temperature
(c) Blood sampling
(d) Urine sampling
(e) Weight and height measurement.

9.7 Clinical Trial Protocol

Beginning in the 1980s, the harmonization of clinical trial protocols was shown as
feasible across the countries of the European Union. At the same time, coordination
between Europe, Japan and the United States led to a joint regulatory-industry
initiative on international harmonization named after 1990 as the International
Conference on Harmonisation of Technical Requirements for Registration of
Pharmaceuticals for Human Use (ICH).

The clinical trial protocol contains a precise study plan to assure the safety and
health of the trial subjects and to provide an exact template for the trial to be
conducted by investigators. The format and content of clinical trial protocols
sponsored by pharmaceutical, biotechnology or medical device companies in the
United States, European Union, or Japan have been standardized to follow Good
Clinical Practice guidance issued by the International Conference on Harmonization
of Technical Requirements for Registration of Pharmaceuticals for Human Use
(ICH). Regulatory authorities in Canada and Australia also follow ICH guidelines.
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9.8 Illustrative Example—Design of Limited Clinical Trial
Experiments in Prosthodontics

In any RCT on dental implants, the age of the patients can vary between 15 and
50 years, and no bias should be exercised concerning the sex (male/female) of the
patient. Also, while selecting human subjects, the principal investigator of the
clinical trial should ensure that the patient should not have any prior systemic
diseases, and that at least one or two teeth bilaterally in the maxilla or mandible are
absent in those test subjects. As far as the number of human subjects is concerned,
46 patients can be taken up to obtain statistically relevant evidence considering the
sample size for a power of 90. It is worthwhile to reiterate here that adequate sample
size is one of the important criteria in any RCT. As far as the study design is
concerned, a parallel or split mouth design can be adopted. More importantly,
appropriate randomisation, and allocation concealment is to be ensured. As dis-
cussed earlier, some human subjects can decide not to undergo the clinical study
within a few weeks from the start. The principal investigator needs to follow up
such drop out cases for any clinical evidence. In the context of the study design
above, the dental implant supported with bone cement/screw for a single posterior
tooth needs to be retained for at least a year. One important piece of clinical
evidence for the RCT described above study is the measurement of adequate bone
height/width in 4 months post-extraction healing time. The expected outcome
measures include the following aspects,

(a) Patient centred outcomes: Oral health quality of life/Patient satisfaction
(b) Implant supported restoration: Longevity of restoration/technical complication
(c) Peri-implant health: Marginal bone level and probing depth of soft tissue
(d) Osseointegration analysis: Cone beam computed tomography (CBCT) anal-

ysis to quantify hard tissue stability/loss around the crest at various timepoints
post-implantation

(e) Primary Stability analysis: At the surgical placement, this aspect for the
threaded implant (host bone engagement) to be assessed using a Resonance
frequency analyser (RFA)

Based on the following analysis, the outcome measures are to be validated and it
is expected the design described above of the clinical trial study will provide
meaningful results to assess the efficacy of a dental implant in prosthodontics
treatment.

9.9 Clinical Trials—Case Studies

In the preceding sections, the relevance, principles as well as methodology to
design a clinical study are described together with a substantial explanation of the
ethical issues involved. Given such a background, some published clinical study
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results are discussed in this section so that the reader can develop an understanding
of how to design a clinical study as well as how to assess the results of such a study
to obtain clinically meaningful results.

Often, a clinical study is also termed a ‘First in Man’ study. It may be
worthwhile to mention that any new biomaterial/biomedical devices may
require limited single-centric and, subsequently, multi-centric trials to
establish their clinical efficacy in a larger patient population.

It is important to reiterate that more the following case studies should, however,
not be blindly followed to design future clinical studies, and are to be considered
only as guidelines.

9.9.1 Hydroxyapatite Based Burr-Hole Buttons
for Cranioplasty Applications

A burr-hole in the frontal region for a neurosurgical intervention often leaves an
aesthetically inappropriate indentation in the treated craniofacial region of a patient
in their post-operative phase. The burr-hole buttons made of metallic biomaterials
transmit heat leading to chronic pain, while acrylic substances lead to irritation by
transmitting the exothermic heat of polymerisation. Therefore, cranial neurosurgical
procedures utilizing burr-holes of metallic/polymeric materials lead to the devel-
opment of cosmetically unacceptable puckered scars on the scalp over burr-hole
sites.

From this perspective, Easwar et al. [14], reported a study involving the use of
custom-made hydroxyapatite-based ceramic burr-hole buttons to address the neu-
rosurgical issues above. After getting the necessary ethical approval, a team of
clinicians and biomaterial scientists used a specially designed bilayer HA button
with one half being porous and the other half being dense (see Fig. 9.4). In par-
ticular, sixty-five HA buttons were implanted in 22 patients, who participated in this
clinical study on a voluntary basis and also underwent cranial neurosurgical pro-
cedures. The cosmetic outcome (absence of puckered scars over burr hole sites,
absence of allergic reactions or infections associated with the implant) as well as the
radiological outcome with X-rays at specified intervals were assessed with partic-
ular reference to the interference in the postoperative neurological imaging due to
the implants. The implants persisted as radio-dense opacities on the skull X-rays of
recipients for up to 2 years (see Fig. 9.5). The bi-layer porous-dense HA buttons
were useful in preventing cosmetic defects over burr-hole sites on the scalp after
cranial neurosurgical procedures.

Concerning the clinical study, an informed consent explaining the cosmetic
benefits and the possible risks, including allergic reactions and infections, was
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obtained from a group of patients in the age group of 14–60 years prior to
implantation. The implantation was carried out on a patient undergoing craniotomy
with one or more burr-holes located at cosmetically significant sites. The exclusion
criterion was based on patients with adjuvant radiotherapy and/or chemotherapy,
with short life expectancy, significant hepatic or renal diseases and those with
compromised immunity. The burr hole buttons of various sizes were used during
the surgery, and the one which fitted snugly into the burr-hole, was chosen for
implantation. The buttons were implanted at the end of the surgery after the
replacement of the free bone flap and the scalp was closed over it. No attempt was
made to fix the button at the site of implantation. Radiological evaluations with
X-rays were made in all patients at 6 months, 12 months, 18 months and at 2 years

Fig. 9.4 Burr-hole button with two variants of hydroxyapatite components—a dense cap and a
porous column [14]

Fig. 9.5 X-ray skull showing
burr-hole buttons in the
frontal region in a human
patient, post-surgery [14]
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after implantation. Twelve patients (55 %) were available for a radiological
follow-up of over 18 months, three patients (14 %) completed 2 years and seven
(32 %) 6 months. Twenty-one patients (95 %) underwent a CT scan of the brain in
the immediate postoperative period, while one patient had an MRI imaging for the
same. Digital Subtraction Angiography was performed in another patient to confirm
the adequacy of a surgical clipping of a cerebral aneurysm.

Summarising, the clinical study described above established that the
two-component burr-hole button, composed of dense and porous hydroxyapatite, is
safe and cosmetically effective in preventing puckered scars on the scalp over
burr-hole sites on the cranium. Though the implants were still evident on X-ray
radiographs of the skull after 2 years, they did not interfere in post-operative
neurological imaging with CT, MR imaging or digital subtraction angiography.

9.9.2 Degradable Hydroxyapatite-Bioactive Glass Ceramic
for Iliac Crest Implant

The reconstruction of bone defects in orthopedic surgery is an important application
area, where bioceramics are considered a potential solution (see Fig. 9.6a). The
following clinical study, conducted by Acharya et al. [15], prospectively validated
the hypothesis that the iliac crest donor site morbidity is, perhaps, a structural issue,
and the use of a hydroxyapatic-bioglass composite block to repair and reconstruct
the iliac crest defect site can reduce its incidence. It may be worthwhile to mention
that an ideal reconstructive material should integrate with the surrounding bone
(bioactive and biodegradable), have optimum mechanical strength, and be safe,
economical, and easily available.

After the necessary ethical committee approval and the obtaining of informed
consent, 28 patients voluntarily underwent tricortical iliac crest graft harvesting and
26 (17 male and 9 female patients with age ranging from 18 to 57 years) were
available for follow-ups up to the end of a year from surgery. The anterior iliac crest
was reconstructed in 20 patients and the posterior crest in 6 patients. The
Chitra-HABG based ceramic graft used in this study is a composite of hydroxya-
patite (HAP) and a bioactive glass ceramic in the ratio of 80:20. A conventional
sintering process is used to manufacture the HAP and the bioactive glass ceramic is
prepared by a sol-gel method involving a low temperature processing route. The
composite is 70 % porous by volume, and the pore size varies from 100 to 200 mm
(see Fig. 9.6b). The trapezoidal-shaped ceramic blocks are implanted in the surgical
space around the iliac crest of human patients (who voluntarily participated in the
study), as shown in Fig. 9.6c.

The study had 2 outcomes the first was donor site morbidity: pain, wound
hematoma, infection, iliac fracture, visceral prolapse, cosmetic deformity, and
instability (defined as discomfort during ambulation or turning in bed). Pain was
assessed by a simple scoring system as—severe (intolerable) pain, moderate pain
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(requiring analgesics), mild pain (tolerable without analgesics), and no pain. The
second outcome measure was a radiologic assessment for ceramic incorporation,
dissolution, fragmentation, and migration. Ceramic incorporation was defined as
‘‘complete’’ if there was a gradual blurring of the sharp margins of the block, loss of
radio-opacity, and the establishment of trabeculae across the block, and ‘‘partial’’ if
they were present, but only on one surface of contact. Ceramic dissolution meant
the disappearance of the block with no visible bony replacement, whereas partial
dissolution meant thinning or a reduction in the size of the block with or without
incorporation. Fragmentation was defined as breakage with dispersion into the
surrounding tissue and migration as displacement from the implanted site. At the
end of 1 year from surgery, 25 of the 26 patients (96.15 %) had no pain at the donor
site, which had been reconstructed. Radiologic evaluation showed that in 21 cases
the ceramic incorporation was complete (see Fig. 9.7), partial in 3, and absent in 2.

Fig. 9.6 Schematic of clinical site showing the place of surgery at iliac crest (a), Chitra-HABG
block to be implanted in human patients (b) and the placement of the ceramic block at posterior
iliac crest (c) [15]
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A partial dissolution of ceramic was noticed in 3 patients and migration in 1. The
clinical study described above established that the Chitra-HABG block is an
excellent material for the reconstruction of the iliac crest defect, as it is incorporated
into the surrounding bone with no adverse effects.

Fig. 9.7 X-ray radiograph of
showing progressive
incorporation of HABG
ceramic block in posterior
iliac crest.mg TID for 3 days
and 0.2 % chlorhexidine
mouthwash were prescribed
postoperatively [15]
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9.9.3 Calcium Phosphate Cement for the Treatment
of Human Periodontal Intraosseous Defects

In osseous grafting, and tissue-regenerating scaffolds, either natural bone (auto-
grafts, allografts and bone derivatives) or synthetic osteoconductive materials (al-
loplasts) are provided at the defect site. They integrate with the host bone and
participate in the remodeling of the defect. The technique of guided tissue regen-
eration (GTR) employs barrier materials to allow selective cellular repopulation on
the root surface, to retard the apical migration of epithelium and to exclude gingival
connective tissue from the healing wound. To this end, Rajesh et al. [16] reported a
clinical study to establish the efficacy of a formulation of Calcium phosphate
cements (CPC) with proven biocompatibility, mouldability and osteoconductivity
in healing human periodontal intraosseous defects in comparison with hydroxya-
patite ceramic granules. A notable feature of CPC is osteotransductivity (i.e.,
resorption of the cement graft in tune with new bone formation), which is absent in
other alloplast materials.

After obtaining the necessary clearance from the ethical committee and informed
consent forms, a total of 60 patients of both sexes in the age range of 20–45 years
having moderate to severe periodontitis with angular osseous defects (two-wall or
three-wall defects identified through probing) were involved in the clinical study.
The exclusion criteria were the presence of any systemic illness, prior antibiotic
therapy for any illness during the past 2 weeks and any known allergic reactions to
drugs. The selected patients were given instructions on self-performed oral hygiene
techniques. The progress was assessed at 3, 6, 9 and 12 month observation intervals
through soft tissue parameters (probing depth, attachment level and gingival
recession), which were appended by postoperative radiographs and surgical re-entry
in selected cases. A check-up for oral hygiene was done after 2 weeks and only
patients who maintained optimal oral hygiene were recruited for the study. Detailed
medical and dental histories were obtained from each patient and a complete
clinical examination was performed while recruiting.

In the patient group receiving CPC, the calcium phosphate cement prepared in
putty form was placed in the osseous defects to the level of the respective crest
(Fig. 9.8a) and similar grafting was done in the HAG test group, by mixing the
hydroxyapatite granules with saline (Fig. 9.8b). In the control group, no implan-
tation was done after the open flap debridement. Antibiotics (doxycycline, 100 mg
BID for the first day followed by 100 mg OD for 5 days), anti-inflammatory
analgesic (ibuprofen 400) were given.

Some clinically relevant measurements were recorded preoperatively (after the
hygienic phase) and at the review visits (3, 6, 9 and 11 months postoperatively) to
calculate the soft tissue parameters. The pocket depth reduction was determined by
subtracting the measurement obtained at each observation period from the preop-
erative values of probing depth. Gingival recession was found by taking the
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difference in the gingival margin levels from the reference point at each time period.
The clinical attachment level was determined as the depth to the base of the pocket
from the cemento-enamel junction and the attachment gain was calculated by
subtracting the value obtained at each time period from the preoperative values of
the attachment level. There was no gingival inflammation or soft tissue reactions
adjacent to the grafted materials, in any of the cases in this study. Also, the
radiographs taken in the follow-up visits did not show any signs of resorption of
root or bone in any of the cases, when compared with the preoperative radiographs.
Irrespective of the radioopacity of the graft materials, bone regeneration could be
identified through trabecular continuity, progressively at the postoperative periods.
The clinical study described above also indicates the potential use of CPC as a graft
material without the use of a GTR barrier graft for periodontal regeneration.

9.9.4 Treating Tibial Plateau Fractures with Synthetic
Porous Hydroxyapatite Granules

In an early study, Menon and Varma [17] investigated the potential to use synthetic
porous HAP as a cancellous bone substitute to act as a space filler and also as a
scaffold to facilitate new bone growth, while providing structural support in
metaphyseal fractures. A total of 58 patients underwent the operative procedure
during the study period of which 28 consecutive patients with a minimum of
12-month follow-ups were included in the clinical trial. They were between the ages
of 20–50 years. There were seven females and 21 males. The exclusion criterion
involved the immuno-compromised patients like those with malignancies, hepatic
and renal diseases, HIV infection, but other co-morbidities like Diabetes and
Hypertension were included. Chitra HAP porous granules of the size 3–6 mm with

Fig. 9.8 A close-up view of the patient’s teeth repaired with calcium phosphate cement grafts
(a) and with the hydroxyapatite ceramic granules (b) during a clinical trial study on Indian patients
[16]
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a pore size of 200–300 microns and a grain size less than 4 microns and a pore
volume of 70 % and 10–15 ml graft was used in each case. The granules were
introduced in small quantities into the funnel and pushed into the metaphyseal
defect created by the elevation of an articular depression.

All fractures were treated by a standard surgical protocol. Under appropriate
anesthetic conditions and under a tourniquet, the fracture was stabilised and aligned
with a femoral distractor. A 6-mm incision was made on the medial tibial
meta-diaphyseal junction about 5 cm below the tuberosity level. A similar window
was created in the bone with a 6-mm drill and through this a 4-mm punch was
introduced under an image intensifier and the resultant defect filled with Chitra
porous HAP granules in measured quantities (volume) inserted through a 5-mm
auroscope funnel and impacted well. The plater slab and the sutures were removed
after 14 days and a snug fitting femoral cast brace was applied with a knee hinge.
Active knee mobilization was encouraged. Partial weight bearing was allowed from
12 weeks onwards progressing to full weight bearing as tolerated.

The outcome measures included the radiological evaluation of fracture union to
investigate the subsidence of the tibial articular surface and the morphological
characteristics of the implanted materials. For all the 28 patients included in the
trial, radiological evaluation was done at 6 weeks, 3 months, 6 months and 1 year.
Standard antero-posterior and lateral films were obtained in the lying position at
1 m distance. All the X-rays were evaluated by an independent radiology consultant
and analyzed with reference to the following parameters, (a) subsidence of the
articular surface measured in millimeters and compared with the immediate
post-operative films, (b) graft Dissolution in volume, (c) migration into the joint,
(d) incorporation assessed by a clear appreciation of the borders of each granule,
(e) Fragmentation of the granules, (f) Quality of the radio-opacity: increasing or
decreasing radio opacity, (g) Changes in the surrounding bone (specifically, scle-
rotic reactions or lytic responses were looked for). All the patients had excellent
post-operative recovery from the surgery. There was one case of superficial
infection, which healed with parenteral antibiotic without adverse effects.

It was observed that the quality of the radio-opacity progressively decreased or it
became less radio-dense. In the study group of 28 patients, none had any bio-
chemical or structural changes due to the use of the HAP granules and the fractures
united completely both clinically and radiologically in the normal timeframes for
similar fractures. Histological specimens from a human spinal fusion mass using the
Chitra HAP have also demonstrated a fibrous tissue-free bone-ceramic interface.
Based on the radiological evidence presented here, it is apparent that the
implant-bone interface becomes stable by about 6 months, post-operatively.
Therefore, it was concluded that porous HAp is a safe and clinically useful bone
graft substitute for cancellous bone augmentation in fractures.
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9.10 Closure

Clinical trials are only a small part of the research that goes into developing a new
treatment. Potential drugs, for example, first have to be discovered, purified,
characterized, and tested in labs (in cell and animal studies) before ever undergoing
clinical trials. In all, about 1,000 potential drugs are tested before just one reaches
the point of being tested in a clinical trial. For example, a new cancer drug has, on
average, 6 years of research behind it before it even makes it to clinical trials. But
the major holdup in making new cancer drugs available is the time it takes to
complete clinical trials themselves.

This chapter has provided some fundamental elements to understand the need
and importance of clinical trials in biomaterials research. One point that needs to be
mentioned is that even if one new biomaterial is found to have excellent biocom-
patibility, both in vitro and in vivo (up to a large animal model), the same material
based device prototype may not produce clinically acceptable outcomes measures
in clinical trials. Therefore, any new biomaterial must undergo clinical trials before
commercialisation. Also, while in vitro/in vivo biocompatibility assessment is
routinely carried out using test samples of simple geometry, the clinical trials must
be conducted with a biomedical device assembly based on that specific biomaterial
in human patients. Most importantly, all the relevant ethical issues as well as the
necessary approvals at the institute at the national/country level need to be sought
before conducting any clinical trial.

After describing how to design the clinical trial study as well as the outcome
measures in the field of prosthodontics, the chapter also discusses the background
as well as the illustrative results of the clinical trial studies on ceramic based
materials from the published literature. It is expected that the discussion in this
chapter will provide a better platform for active researchers to perceive the
importance of conducting clinical trials in an ethically recommended manner as
well as to realize how different the overall clinical study design is when compared
to research on biomaterials involving in vitro study alone. It also needs to be
emphasized that the sensitivity and ethical issues to be considered while conducting
clinical trials are at the highest level and can never be compromised in the research
space. Also, the manner in which the clinical study results are analysed and the use
of related equipment/analysis schemes is similar to some extent to pre-clinical
studies, but very different from in vitro studies or studies related to processing or the
physical property evaluation of biomaterials.
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Chapter 10
Case Study: Development of Constructs
for Maxillofacial Reconstruction

10.1 Introduction

Craniofacial defects, particularly in the maxilla and mandible regions resulting from
periodontal diseases, oncological resection or other age related factors offer a major
orthopaedic challenge [1]. A significant population in the world suffers from con-
genital facial deformities. Overwhelming number of traffic accidents and urban
violence are also causing increasing cases of maxillofacial trauma. Current repair
strategies include the implantation of cortico-cancellous bone graft harvested from
anterior or posterior iliac crest or allografts depending upon whether the bone graft
substitute has been harvested from the recipient’s body or from another individual.
Although the use of grafts (autografts/allografts) is considered the current ‘gold
standards’, the technique does not go without complications [2]. It is even clear now
that the autogenous grafts, often isolated from iliac crest, fail to reproduce the
complex geometries of the facial contour [3]. Alternatively, several synthetic
materials have been exploited in repairing maxillofacial injuries including metals
[4], polymers [5], bioceramics [6], biocomposites [7] and bioactive glasses [8].
However, inspite of some promising data obtained in preclinical evaluation, suc-
cessful clinical outcomes are limited.

One major drawback in planning maxillofacial reconstruction using either
autologous tissue or synthetic scaffolds is the inability to precisely reproduce
complex facial contours. Even though this method results in recovery of deformed
facial appearances, its biological responses may not be akin to the native lost bone.
Modelling of the facial anatomy is highly complex owing to the sharp esthetics, as
well as requirement for complex load bearing during daily functions, such as
chewing foods, talking, jaw movement. Moreover, the presence of the temporo-
mandibular joint, one of the most active joints of the skeleton, consisting of the
head of mandible and the articular disc as a part of the segmental mandible region
aggravates the biomechanical complexity of the facial skeleton. At the same time,
mandibulectomy also demands resection of soft tissues, such as nerves, blood
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vessels, gingiva, for which a soft and flexible scaffold or prosthesis is required.
Therefore maxillofacial reconstructive surgery demands custom-made tissue
replacements that can properly fit the deformed structures and regenerate the lost
tissue of individual patients. Pure titanium and its alloys are most commonly used
metallic biomaterials to repair craniofacial defects, but these prostheses often fail
due to wear or corrosion and eventually mechanical fracture [9].

Therefore an ideal strategy to precisely reconstruct large and complex max-
illofacial deformities would be the ability to fabricate desired 3D printed prototypes
of the lost tissue to produce an artificial bone graft or soft tissue substitute that
exactly fits the dimensions of the defect site [10, 11]. However, fabrication of such
3D printed prototypic templates that can exactly mimic the deformed facial anat-
omy is still in its infancy. Research in that direction is ongoing for quite some time.
The first application of this computer-aided (CAD) technology for bone repair was
reported as early as 1985, when the Sirona CEREC (Chairside Economical
Restorations of Esthetic Ceramics), combined digital teeth scanning with CAD
models of prosthetic crowns was developed by researchers of University of Zurich,
Switzerland [12]. Polymethylmethacrylate (PMMA) was a popular material for
developing customized skull plates for over a decade [13]. But it has now slowly
been replaced by other improved materials such as Polyether ether ketone having
more relevant properties for bone substitution.

Several applications of 3D printed prototypes are currently utilized:

(a) Maxillofacial models are being made by 3D printing techniques the fabrication
of skull models using patient-specific imaging data from MRI/MicroCT for
preoperative surgical planning and communication between surgeons and
patients, surgical training and teaching purposes (Fig. 10.1). In addition to the
orthognathic surgery planning, models can be used to reconstruct the templates
to determine the size and shape of the bone grafts. It is also possible to print soft

Fig. 10.1 Reconstructed CT scan image, and 3D printed model made of nylon powder for
teaching purpose or strategic planning
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tissue models and mark/highlight the tumours and other anatomical structures
of interest, for example nerves, arteries or veins in the models [14, 15].

(b) manufacturing of inert and customised reconstruction plates for denture or
implants, thus offer improved passive fitting [16],

(c) production of surgical instruments and special equipment associated with the
operations,

(d) fabrication of postoperative guides and long-term supports [5].

Therefore, the idea of utilizing clinical imaging data of the patient to create
arbitrary 3D structures to fit complex defects does not look far fetched with this
technique today.

An early method of 3D printing was the use of inkjet/binder system which
utilizes a powder bed (which was usually Tricalcium phosphate in the case of
scaffolds of bone reconstruction) which is contacted by a binder solution (citric
acid, phosphoric acid etc.) dispensed using a nozzle to prepare 3D shapes and
architectures. Presently several additive manufacturing technologies being used for
fabrication of 3D printed patient-specific implants for cranial reconstruction, for
example fused deposition modeling, stereolithography, selective laser sintering,
selective laser melting and electron beam melting. 3D printing techniques are
advantageous to stereolithography due to faster printing, more precision, accuracy
and lower cost. In laser-based techniques a laser beam is used to sinter the particles
together; resulting in resolution in the range of several hundred microns depending
upon the diameter of the laser used. While the system had the potential to enable the
construction of large scaffolds which could be put to use for clinical applications, it
lacked the precision of printing smaller feature size for efficiently reproducing the
small structures. In this context of finer resolution, an improved strategy based on
extrusion-based is 3D Printing called ‘Direct-write assembly’ which employs a
computer-controlled platform which controls movement of a pattern-generating
device (e.g., ink deposition micronozzle) in a layer-by-layer sequential manner, to
fabricate complex 3D architectures and composition. The working principle
involves extrusion of ink under constant pressure through a fine cylindrical nozzle
with micro-meter scale inner diameter to create a filamentary element [17, 18],
avoiding need for laser or chemically reactive binder. The technique drastically
opened up new strategy to fabricate scaffolds having microperiodic biomimetic
structures with predefined internal pore architecture (i.e. shape, size, orientation,
geometry, interconnections) [19, 20]. This design process will undoubtedly hold the
capability to efficiently regenerate the complicated maxillofacial tissues by fabri-
cating scaffolds matching the complex 3D structures. But along with the 3D
architecture, printing the exact compositional pattern of the native tissue along with
surface chemistry for promoting cellular interactions and molecular signaling are
some challenges that need to be addressed.

In these case studies, our main emphasis will be on the recently developed textile
braided and 3D Printed scaffolds within the domain of maxillofacial reconstruction.
In order to develop a deeper mechanistic insight about 3D printing-based
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maxillofacial reconstruction; we would briefly recapitulate the complex anatomy of
the maxillofacial region and the commonly associated disorders that have devel-
oped the quest for the fabrication of improved orthopedic materials.

10.2 Clinical Perspective

Maxillofacial reconstruction refers to the wide range of procedures employed to
repair and rebuild the soft and hard tissues in the maxillofacial region, comprising
of a complex array of nerves, blood vessels, bone and cartilage [21, 22]. Scoliosis
of the mandibular arch, missing alveolar bone in cleft palates, fractures of orbital
floor and rim, osteoradionecrosis, ameloblastoma, intraosseous mucoepidermoid
carcinoma, extremely deficient chin are some common maxillofacial disorders
demanding immediate resurrection procedures [23]. In addition, osteosarcoma,
defect in oral-facial soft tissues such as cleft palate and other intraoral soft tissue
lesions that are also very important in shaping the facial contour demand a reliable
reconstruction strategy [24].

For small mandibular defects of less than 3–6 cm, nonvascularized corticocan-
cellous grafts harvested from the iliac crest are commonly used [25]. Larger defects
(>6 cm wide) are often treated with vascularized fibula grafts [26, 27] which offer
the advantage of incorporating other components such as skin, muscle and bicor-
tical bone, if required. While vascularised tissue flaps are the current gold standards
in treating maxillofacial defects, the technique is not without complications
[21, 28]. Extended hospitalisation, limited availability of autologous bone, sub-
stantial donor site morbidity resulting in numbness and limited motion, infection,
malformation and loss of function are some of the drawbacks associated with
vascularised tissue flaps that render high inconvenience to the patients [23, 29–31].
Another alternative, distraction osteogenesis, is a technique increasingly being used
as endogenous bone tissue engineering in cases such as mandible lengthening, also
renders severe complications in more than 35 % cases including pin-tract infec-
tions, scarring of the defect site, device failure, and failure to form a bony union
[32, 33]. Then there are biodegradable Lactosorb implants comprising of poly
(L-lactic acid) and polyglycolic acid which usually resorb within a year of
implantation for facilitating congruent bone ingrowth [34]. Though they serve
excellent purpose for soft bones such as in the case of infants or in the orbit, they
lack adequate compressive properties and stability for repairing adult bones.
Therefore there is an urgent need to explore improved methods for maxillofacial
reconstruction in clinical setup. In some cases, clinicians have replaced all or most
parts of the mandible using 3D printed titanium prosthetics. However, the long-term
effects of such implants directly placed under the gingivae risk dehiscence.

As next alternative, three dimensional scaffolds have been used, that can to some
extent regenerate bone tissue and can be excellent alternative or adjuncts to bone
grafting. But the conventional scaffolds, developed from polymers or hydroxyap-
atite (HA) etc., often fail to recapitulate its native structural and biological
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complexity required for maxillofacial reconstruction. To address the above issues,
researchers are on a quest for fabricating advanced materials and methods for
recapitulating the microenvironment of the complex craniofacial anatomy.

Calcium phosphate ceramics including beta-tricalcium phosphate (β-TCP) and
HA have obtained clinical acceptance in maxillofacial reconstruction due to their
comparable chemical composition and compressive strength to the human bone
tissue [35, 36]. However a major drawback with β-TCP scaffolds is the high rate of
resorption which weakens the mechanical properties of the scaffolds to support
osseointegration [37]. HA scaffolds have been commonly used as fillers in bone
defects due to their excellent osteoconductivity. However, a major drawback
associated with commercial HA scaffolds is that they are manufactured in generic
dimensions based on the shape and size of an average patient with a ‘one shape fits
all’ strategy. Therefore the surgeon may need to spend considerable time in manual
pre-shaping of constructs to fit the patient’s defect site, a method prone to human
errors and therefore might lead to fatigue fractures [38]. Besides geometry, internal
parameters such as pore size, pore shape, surface area to volume ratio, pore
interconnectivity, porosity, pore arrangement and size distribution are of paramount
importance for developing an efficient vascular supply to establish functionality of
the neo-osseous tissue; a major problem associated with repairing large size defects.
Conventional scaffold fabrication techniques are unable to precisely control these
internal dimensions. Besides they offer other limitations such as brittleness of the
materials, inadequate control over the material’s resorption properties in vivo, etc.
Therefore, a major challenge for maxillofacial scaffolds is to fabricate 3D materials
that are defect-specific as well as patient-specific and can perfectly fit into the facial
defects, which appear more delicate and complicated than the defects of appen-
dicular skeleton [10, 17, 18].

Taking into consideration the above the limitations offered by the current clinical
treatments, the following requirements explain the properties of an ‘ideal implant’
that can be readily used by the maxillofacial surgeons: (i) the scaffold should
possess a 3D architecture, exactly mimicking the deformed facial contour; this
demands for a custom-made, on demand fabrication strategy, (ii) an interpenetrating
network of pores and interconnects with small feature size for enhanced cellular
attachment, infiltration and nutrient diffusion. (iii) The scaffold should also possess
adequate mechanical properties comparable to the intended site of implantation. For
human mandibular implantation in the cortical bone region, the anisotropic elastic
moduli was found to be in the range of 11000–30000 MPa while the values ranged
from 120 to 450 MPa in trabecular region for mandibular condyle and 114–
910 MPa from the mid-line to ramas [39]. Moreover, in the craniofacial anatomy, it
is well demonstrated that the mechanotransduction exerted by the four muscles of
mastication are very well defined within the spatiotemporal pattern and therefore
the shape and alignment of the reconstructed bones immensely affect the pattern of
load bearing within the region. (iv) The scaffold be able to resorb in the body
overtime into non-toxic byproducts. (v) should be easy to manufacture, cost
effective and reproducible into any desired shape and size. Therefore the engi-
neering process for designing scaffolds for maxillofacial reconstruction should
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provide a precise control over the scaffold’s external shape as well as the internal
architecture. Apart from the bony structure, the craniofacial region is also made up
of an interconnected network of soft tissues such as muscles, cartilage and
microvasculature. Therefore, for reconstructing the structural and functional aes-
thetics of the maxillofacial region, it is of utmost importance that this soft tissue
regeneration occurs in tandem with the bone. This presses the need for an implant
containing appropriate geometric features that can facilitate the growth of both soft
and hard tissues simultaneously to restore the lost tissue function close to the native
bone.

10.3 Textile Braided Structure

Textile technology offers versatility for the development of 3D spatial structures
with tailor-made properties in the order of micro- and macro meters useful for
application in medical sector [40]. Some critical factors that determine the ultimate
fate of such fibre-based scaffolds include the type of material (silk, collagen, chi-
tosan), yarn structure and fabric manufacturing technique used (woven, knitted,
braided), complex mechanical properties. By using a suitable combination of the
above factors, innovative scaffolds/implants can be fabricated demonstrating
properties similar to the native target tissue in order to match the ideal scaffold
criteria. Silk fibres are extensively used for various tissue regeneration strategies
due to tailorable biodegradability [41], mechanical properties [42], cell compati-
bility and tolerable immunogenecity in situ [43].

10.3.1 Preparation and Characterization of Silk Braids

Braiding is a technique that offers dimensional stability (especially torsional) and
tailor-made mechanical properties to the scaffold structure as a result of the specific
orientation and alignment of the criss-cross network of yarns [44]. Braided pros-
thesis can be prepared by intertwining two sets of yarns with each other at a
specifically determined alignment angle to the axis of the fabric, so that each
crosses alternatively over and under another set of yarn. Braided textile fabrics can
be prepared in various forms such as flat braid, circular braid or triaxial braids. Flat
braids are consist of simple criss-crossed oriented yarns. Circular braids are pre-
pared by interlacing diagonally aligned three or more yarns by braiding over a
mandrel. In a circular or tubular braid yarns are intertwined in a way that a hollow
core is formed. Biaxial braids consist of two sets of braided strands. Whereas the
triaxial braids has an additional set of yarns or braided strands aligned in the
direction of braid axis. Biaxial braid can offer higher breaking extension. The
triaxial braids can offer high rigidity and bending strength. In general mechanical
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characteristics of braided fabrics are governed by the braid angle (orientation of
fibers or yarn in a specific angle) and pick spacing.

Due to the above mentioned advantages several studies applied braided textile
for muscle or ligament TE [45]. However, recently their potential in bone tissue
engineering applications is also surfacing [44]. Textile braids can be promising
candidates for bone tissue engineering as apart from the exceptional mechanical
properties, they offer specific orientation of the yarns that can help in precisely
regulating the orientation and crystallisation of hydroxyapatite deposition on the
surface of the fibre. Hence the function of the silk braided structure in a way would
resemble collagen type I [7], another fibrous protein, which forms an important
element of the native bone matrix of native bone and therefore holds promising
potential as osteogenic construct.

10.3.2 Case Study Using Silk Braids

Tooth extraction is a common procedure to resolve issues related to complicated
periodontal disease or unrestorable caries. After tooth extraction, the alveolar bone
progressively undergoes atrophy. At the same time, after removal of bundle bone,
the surrounding tissues, such as alveolar bone, alveolar ridge as well as soft tissue
undergo dimensional changes [46]. In order to avoid this modification of alveolar
ridge, several preservation techniques are used, such as the filling of the socket by
using autografts, allografts, xenografts or synthetic filling materials [47]. Compared
to natural healing without any filling material, xenografts were found to provide
best support and restoration of alveolar ridge, followed by allografts and synthetic
materials [48, 49]. Clinicians are still looking for a better material for alveolar ridge
preservation.

The present case study focused on exploring application of braided silk fabrics
for socket seal surgery after extraction of maxillary anterior tooth using braided silk
textile biomaterial. The interdental papillae and buccal gingiva were undermined
using a tunneling approach and silk braids were used to augment the socket under
general anesthesia (Fig. 10.2). Patients were asked to quantify level of pain (Visual
Analog Scale) [50]. Anatomic features were evaluated at various time point.
Tables 10.1 and 10.2 depict the findings, which showed that silk braids helped to
augment the socket and preserve the alveolar ridge, and putatively helped in
regeneration of the tissue with minor inflammation initially, which subsided with
time.

Therefore, the reported technique seems appropriate for preservation of the
alveolar ridge using silk braids in functionally and esthetically relevant areas.
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Fig. 10.2 Application of silk braid: a SEM image of silk braids, b Dental X-Ray—
Orthopantomogram) arrow is indicating the defect site, c, d Intra-operative images for
implantation of silk braided fabric

Table 10.1 Pre-operative and post-operative clinical parameters for patient A

Pre-operative 1st day 1st week 4th week

Pain (Visual Analog
Scale 1-10)

0 5 0 0

Swelling nil Moderate No No

Ginival color Normal Normal Normal Normal

Infection Not evident Not evident Not evident Not evident

Graft Exposure - No No No

Paraesthesia No No No No

Table 10.2 Pre-operative and post-operative clinical parameters for patient B

Pre-operative 1st day 1st week 4th week

Pain (Visual Analog
Scale 1-10)

0 3 0 0

Swelling Mild Moderate No No

Ginival color Normal Normal Normal Normal

Infection Not evident Not evident Not evident Not evident

Graft Exposure - No No No

Paraesthesia No No No No
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10.4 3D Printed Hydroxyapatite

For maxillofacial tissue engineering, HA provides a good substrate due to its
superior load bearing properties and enhanced osteoconductivity. In order to pro-
duce customised scaffolds for complex defects such as in the case of maxillofacial
deformations, HA scaffolds could be printed using advanced rapid prototyping
using a whole array of approaches including stereolithography, fused deposition
modelling, selective laser sintering and 3D printing. For instance, Gittard et al.
fabricated scaphoid and lunate bone prostheses from a photoreactive acrylate
polymer by direct light projection stereolithography approach in a layered structure
with build layer corresponding to 50 μm [51]. The bone prostheses were created
using 3D models of patient’s micro-CT data. However, most commercial SLA
machines produce structures with minimum feature sizes of 70 μm, though a few
structures with 1 μm thick feature size have been reported [52–54]. The laser beam
spot size and powder bonding properties make it impossible to build feature
of <400 μm in size [52]. Medical grade poly (e-caprolactone) scaffolds using fused
deposition modelling approach were used as whole burr plugs in cranioplasty in
more than 200 clinical cases [55]. A major limitation of these general prototyping
techniques is the inability to build structures with small feature sizes [51, 55]. Since
the typical size of a biological cell is only about 20–30 μm, they demonstrate a
more flattened morphology when cultured on filaments exceeding this size range.
Therefore it is important to fabricate constructs with small feature sizes (say 5–
10 μm i.e. smaller than the size of a typical cell) which would force the cells to
form aggregates and would more closely mimic the in vivo physiological matrix for
cellular adhesion and differentiation.

Further due to its colloidal nature, direct-write printing of HA offers a tremen-
dous control over the structural feature size, micro- as well as macroporosity and
surface roughness to fabricate custom-made materials that can be used for specific
applications in bone reconstruction [56]. However, each variable in the fabricating
procedure such as ink composition (water or alcohol based inks), viscoelasticity,
high colloid volume fraction (to reduce drying-induced shrinkage of scaffold), pH
and sintering temperature can have a significant effect on the geometry, surface
chemistry and mechanical strength of the printed scaffold [20, 57]. Colloidal HA
inks for Direct-write must meet following important criteria- the ink should display
shear thinning behavior, so that it can pass through the micronozzle easily without
choking. After printing elastic modulus should be higher than viscous modulus so
that it can solidify as soon as possible. Microperiodic 3D ceramic structures have
successfully developed with nanoscale feature size with rheological behaviour
optimized by keeping a lower colloid volume fraction. Michna et al. [20] printed a
concentrated colloidal ink of HA by tailoring its viscoelasticity and showed that 45
vol% solids loading and a high elastic shear modulus of 105 Pa of HA is required to
directly print self-supporting HA microfilaments. Then Simon et al. [56] fabricated
cylindrical, multilayered HA scaffolds from concentrated suspensions (49 vol%)
possessing 3D periodic arrays of quadrant architectures (consisting of macro-pores
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& micro-pores) which showed promising osseo-integrative potential in preclinical
small animal bone defect remodelling. Thus prior to patterning through direct-write
assembly, optimising the ink development and corresponding ink rheology are
pre-requisites to tailor viscosity and elasticity of the ink.

Direct-write assembly enables the fabrication of three dimensional complex
patterned structures in a layer-wise deposition strategy, without the require-
ment for expensive tooling, laser, dies, sterolithography-based masks or
nano-engineering fabrication devices. Hence this technique is advantageous
over others in terms of flexibility, versatility, precision by robotic control and
low cost.

Furthermore, composites of HA such as silk-HA of appropriate printable vis-
cosity (104 Pa s), which is higher than its individual components (i.e. silk and HA)
were also printed [58]. The silk-HA ink was readily extruded through a 200 μm
micro nozzle, showing 105 plateau shear elastic modulus under low shear stress.
Hence concentrated ink of ceramic materials can be directly deposited and air
drying increases the strength to prevent structural deformity of the printed
microfilament.

The above studies clearly suggest that exploring ink formulations that permit an
easy control over the above listed parameters will offer an advantage in the fabri-
cation of custom-made, on demand tissue replacement scaffolds for reconstructing
complex facial contours.

10.5 Characterization

10.5.1 in vitro Cell Culture

Biomaterial properties play an indispensable role in precisely regulating the cor-
responding biological interactions including cell attachment, alignment, prolifera-
tion, differentiation, extracellular matrix formation and, ultimately, tissue
regeneration. Therefore extensive preclinical testing is currently underway to screen
HA patterns with enhanced biological responses for validating their clinical usage
in skeletal reconstruction. Besides chemical composition, the physical properties of
HA scaffolds such as 3D architecture, porosity and pore size distribution, surface
roughness have profoundly affected their resultant in situ interactions with the host
[59–61]. For instance, honeycomb-like HA scaffolds demonstrated significantly
increased osteogenesis over particles or 3D porous blocks [62].

One important consideration while designing HA scaffolds is that they should
facilitate vascular infiltration in tandem with bone formation. A common reason for
the failure of most HA implants in large maxillofacial lesions is the formation of a
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necrotic core. As the maxillofacial region comprises of extensive microvasculature
[63], the repair mechanism should include an implant that guides blood vessel
infiltration concomitantly with osseous tissue formation. In an attempt to achieve
this, Sun et al. [58] fabricated a 3D printed direct write silk/HA composite with pore
sizes in the range of 200–750 μm to investigate the effect of pore geometries on
osteogenesis and angiogenesis. in vitro investigations showed extensive vascular
network formation induced by co-seeding human mammary microvascular
endothelial cells and mesenchymal stem cells. However, pore size was seen to have
a significant impact on the extent of vascularisation within the construct. When a
co-culture of mesenchymal stem cells and microvascular endothelial cells were
seeded on these silk/HA scaffolds with varied pore sizes, intricate networks of
extracellular matrix and vasculature were revealed within 10 days of culture,
observed only in pores with an average diameter of 400 μm [58]. We already know
that angiogenesis and osteogenesis are symbiotic processes in bone tissue engi-
neering [64]. Therefore scaffolds with an appropriate pore size are a must for
facilitating capillary ingrowth, nutrient diffusion and tissue infiltration to promote
osseointegration of the scaffold with the host bone.

Facial trauma, ablative surgery or neoplastic malignancies in the maxilloficial
region leads to major bone defects which destroy functional as well as aesthetic
aspects. Such bone defects require immediate reconstruction to reinstate function of
the jaws, talking, breathing, swallowing of foods as well as aesthetic outcome.
Maxillofacial reconstruction surgery involving composite microvascular flaps is
challenging, time consuming, needs significant effort to intraoperatively optimize
the configuration and symmetry of the facial skeleton. Moreover, need of simul-
taneous muscle attachment, innervations and microvasculature make it even more
challenging. Fabrication of patient-specific 3D printed construct will enable the
surgeons to manufacture the implants before surgery, and hence will solve above
mentioned problems.

10.5.2 in vivo Osseointegration

The challenge in the management of large ameloblastoma of the mandible is as
follows: (a) to excise the tumor completely in order to make the patient tumor free,
(b) to prevent recurrence of cancer, (c) to provide the best reconstruction for aes-
thetics and daily function of mandible in terms of talking, chewing and swallowing
of food etc. In addition to promoting bone growth to achieve adequate anatomical
reconstruction of the maxillofacial region, simultaneous muscle attachment,
innervations and microvasculature should take place to allow complete functional
and structural restoration of the area. In order to assess the clinical outcomes of the
3D printed HA in maxillofacial reconstruction by Direct-write assembly, we
recently performed a collaboration study with the surgeons at Lady Harding
Medical College, New Delhi.

10.5 Characterization 227



Treatment options for ameloblastoma vary from conservative to wide bone
radical resections, with or without the need for reconstruction [65]. While autolo-
gous bone transplants are associated with several drawbacks in terms of limited
availability, extended time of surgery, donor site morbidity, pain, infection,
excessive blood loss, and high costs which offer severe inconvenience to patients.
Alternatively, use of particulate materials such as hydroxyaptite, ostacalcium
phosphate, β-tricalcium phosphate has been clinically accepted owing to their
similar stochiometry to native bone and minimal batch-to-batch variations [66].
However, the conventional fabrication strategies used for the production of these
synthetic scaffolds fail to recapitulate the precise structural and functional aspect of
native bone. Commercially used methods for reconstruction of mandibular bone
utilize titanium or dacron-urethane trays which often encounter difficulties when
attempting to match with the requirements of facial contour, jaw relationship and
condylar position as the trays are prefabricated [67]. Moreover, use of metal or
dacron-coated polyurethane trays, which include wound dehiscence also face
serious complications such as tray exposure and post-operative infection leading to
partial or total loss of graft often demanding a revision surgery. Additionally, higher
modulus of elasticity of the metal tray compared to bone result in fast resorption
due to stress shielding [68]. Hence, 3D printing via direct-writing technique has
fascinating prospect for fabricating custom made tissue analogs by sequentially
depositing appropriate biodegradable and biocompatible materials specifically at
the desired location, in a layer-by-layer fashion, to fabricate patient- as well as
tissue-specific constructs. The progenitor cells from neighboring tissues can attach,
proliferate and integrate onto the implanted 3D printed construct and eventually
form neo-tissues at the repair site, thereby replacing the printed construct.

In the following study, a 31 year old lady reported about swelling and mild pain
of the right side of her face which was gradually increasing since past 1 month. She
had a history of surgical curettage of a lesion involving the mandible, and a
diagnosis of Plexiform ameloblastoma of mandible a few years back. Preliminary
investigation revealed that the lesion had recurred. The swelling was firm to hard in
consistency and non tender in nature. An OPG revealed a multilocular radiolucency
with respect to 44, 45, 46, region involving mandibular lower border and extending
up to ramus sparing the condyle. Incisional biopsy was done under local anesthesia,
whose report confirmed Plexiform ameloblastoma. The CT scan demonstrated that
the swelling as 4 × 3.3 × 2.5 cm3 multi-lobular cystic lesion, showing cortical
thinning, buccal more than lingual. As the patient was young, the challenge was to
preserve her facial contours while conducting radical excision and immediate
reconstruction. A submandibular incision along with intraoral incision was con-
ducted and the lesion was resected maintaining a 1 cm of safety margin.

An anatomically shaped patient-tissue-specific tray was fabricated with 3D
printed hydroxyapatite plates fused with bone cement (Simplex® P Bone Cement,
Stryker, USA) and was sutured onto to the Titanium reconstruction plate
(Fig. 10.3). Corticocancellous bone graft harvested from iliac crest and filled within
the 3D printed tray. There was rapid postoperative wound healing. There was no
infection or symptoms of rejection of implanted HAP tray. The patient was
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followed up for 1 year with no recurrence, and continuity of mandible bone was
maintained. However there was a mild dehiscence of plate intraorally (a known
complication which occurs in 5–10 % patients), which was initially managed
conservatively and later after 3 weeks primary closure was done. Taken together,
innovative clinical use of 3D hydroxyapatite tray showed promises for mandibular
bone reconstruction for oral cancer patients.

This same procedure was repeated for a 29 years old patient suffering from
ameloblastoma, and subsequent follow up showed absence of any wound break
down intra or extra orally. Tissue morbidity was minimal in both the patients with
normal gingival color. Clinical form, function and aesthetics of the patients were
highly satisfactory. Continuity of mandible bone was preserved. Function of the
mandible was more or less achievable, as far as daily activities like chewing, talking
and swallowing are concerned. Both the patients were followed up with no tumor
recurrence and are still on regular follow up for evaluating quantitative and qual-
itative bone formation and osseointegration.

Taken together, the present study provided a new and better modality of treating
recurrent malignant tumor and providing satisfactory reconstruction in terms of

Fig. 10.3 a 3D printed hydroxyapatite tray, b Per-operative photo showing custom made tray
in situ, c Post operative OPG x-ray image of mandible after 6 months
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both aesthetic and functional rehabilitation. The stem cells present in the bone
marrow chips placed in the 3D printed tray would presumably help in bone
regeneration as well as minimize inflammatory response.

10.6 Future Perspective

There is immense scope of improvement on the current treatment methods for the
reconstruction of maxillofacial disorders or defects that can offer a more
patient-specific as well as patient-friendly strategy. While the boost in 3D printing
technology will ensure more precisely fabricated architectures using improvised
material compositions that closely mimic the mechanical and biochemical aspect of
craniofacial anatomy to facilitate more congruent tissue ingrowth (both hard and
soft tissue) within the defect region. In parallel, researchers are currently investi-
gating ex vivo methods to make the surface of these 3D printed constructs more
conducive for cell and subsequently tissue attachment and integration. For instance,
conjugation of engineered protein coatings on the surface of such orthopaedic
implants (69) will help stabilize the initial cellular response of these implants in situ
immediately post-implantation; an ultimate factor which eventually determines the
fate of such constructs. Moreover, early attachment and infiltration of osteogenic
and angiogenic precursor cells via integrin associated cascades triggered by the
surface coatings (such as RGD motifs) will help in guiding specific cellular sig-
nalling pathways for the development of more specialized cellular differentiation
and tissue regeneration within the construct well integrated with the host tissue.
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Chapter 11
Assessment of Technology
and Manufacturing Readiness Levels

11.1 Introduction

Traditionally, research in academia has been largely restricted to implant/scaffold
development using the conventional manufacturing route. Also, a set of traditional
material testing methods has been used to determine the physical properties of such
materials. In the context of biomaterials, a test of in vitro and in vivo biocompat-
ibility needs to be conducted and this is an important step in biomaterials’ research.
As discussed in this chapter, the above will establish the ‘proof-of-concept’ behind
the development of a new biomaterial or a new manufacturing strategy.
Translational research involving the ‘bench to bedside’ concept, however, requires
one to adopt a series of higher level testing to take a given technology to a more
mature stage. From the perspective above, this chapter introduces the reader to the
concept of TRLs and MRLs.

11.2 Concept of Technology Readiness Level (TRL)

11.2.1 Various TRL Stages

Technology Readiness Levels (TRLs) are a systemic qualitative assessment
system used to estimate the maturity level of a particular technology, and to
compare the maturity between different types of technology.

Each technological project is evaluated during a Technology Readiness
Assessment (TRA) that examines technology requirements, program concepts, and
demonstrated technology capabilities against the parameters for each technology
level. Originally, TRLs with only seven levels were developed by NASA in the
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1980s. These seven levels were later expanded to nine. Based on the progress of the
project, a TRL rating is assigned. TRL 1 has the lowest, while TRL 9 has the
highest maturity. The regulatory authorities in each country consider the recom-
mended TRLs, when assessing the program risk for any technology or product
development.

It is, therefore, worthwhile to recognise that in order to study product vali-
dation, it is important to involve an entrepreneur or device manufacturing
companies particularly to assess Technology Readiness Levels (TRLs) and to
explore the possibility of technology transfer to biomedical companies.

Such involvement would involve an extensive examination of the existing
product technologies and competition before planning the exact research targets.
Since the R&D agenda is strongly dictated by marketable product features/
properties, market research inputs, competitive business scenarios and IP poten-
tials, the final specifications of the product towards market relevance need to be
assessed. With reference to Fig. 11.1, a brief discussion of each technology
readiness level has been provided below.

Fig. 11.1 Schematic and conceptual description of various stages of Technology Readiness
assessment using TRL levels (adapted from Ref. [1])
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TRL 1—Review of scientific knowledge base (basic research): At this stage,
experimental results or scientific findings are reviewed and assessed as a foundation
for characterizing new technologies. This is the lowest “level” of technology
maturation, with the assessment of scientific research to be translated into applied
research and development. The assessment should be done in the light of already
published research or other references to understand the principles or novelty of the
process or material properties.

TRL 2—Technology concept and/or application formulated (applied
research): This level can generate research ideas, hypotheses, and experimental
designs for addressing related scientific issues. Computer simulations or other
virtual platforms to test hypotheses can be used with the aim of confirming the
potential of a material or a process to satisfy a technology. The step up from TRL 1
to TRL 2 moves ideas from basic to applied research. Once the basic principles are
observed, practical applications can be identified at the next level of maturity. The
applications may still be speculative, and there may be no proof or detailed analysis
to support the assumptions. Most of the work at this level may be analytical or
paper studies with an emphasis on understanding the science better. Experimental
work can be designed at this stage to corroborate the basic scientific observations
made during TRL 1.

TRL 3—Establishing proof-of-concept: At this stage of technology matura-
tion, the early stage of product development is pursued with data collection and
related analyses to the test hypotheses. Some illustrative examples include research
on device components, or processes, that are not yet integrated. In particular, both
analytical and lab-based studies should constitute “proof-of-concept” validation of
the applications/concepts formulated at TRL 2. In some cases, the modeling and
simulation may be used to complement physical experiments.

TRL 4—Laboratory environment testing/validation of component/process.
TRLs 4–6 represent the bridge from scientific research to engineering i.e. from
development to demonstration. TRL 4 is the first step in determining whether an
individual component will work while being part of a system. This level of maturity
is characterized by basic technological components, which are integrated to
establish that the components will work together to achieve concept-enabling levels
of performance. The related information to assess at TRL 4 includes the results of
integrated experiments as well as the estimation of how the experimental
components/test results differ from the expected system performance. The goal of
TRL 4 should be to narrow down possible options to integrate devices.

At TRL 4, non-GLP laboratory research is conducted to refine the hypothesis
and to identify the relevant parametric data required for technological
assessment in a rigorous experimental design.

In particular, the candidate device is evaluated in a laboratory and/or animal
models to identify and assess potential safety problems, adverse events, and side
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effects. The methodologies to be used during non-clinical and clinical studies in
evaluating candidate devices are identified. The design history file, design review,
and a master device record, if required, are initiated to support PMA (Pre-Market
approval).

In the context of tissue engineering research on scaffolds, the following exper-
iments are recommended to be conducted as part of TRL 4 evaluation: (a) in vitro
cell compatibility including differentiation, (b) in vivo tissue compatibility,
(c) in vitro and in vivo mechanical strength, (d) in vivo tolerance of
allogenic/xenogenic cells and (e) in vitro shear stress simulation of a 3D construct.

Summarizing, the biological performance validation in the lab/animals for
safety/side effects/adverse events for biomedical devices in TRL 4 would involve
the following stages:

(a) rigorous experiments with varying critical parameters.
(b) initial specification of the device and subsystems, based on failure limits.
(c) procedures for nonclinical and clinical studies for device evaluation.
(d) designing of history files and a master device record for a regulatory pathway.
(e) device evaluation in the lab and/or animals for safety, adverse events and side

effects.

TRL 5—Component, system and/or process validation: Once the
proof-of-concept and the safety of devices are demonstrated in defined cell/animal
models, the technology can be moved forward to TRL-5. In TRL 5, the biomedical
device performance is compared to existing modalities, and indications for use and
equivalency are demonstrated in model systems. Examples include devices tested
through simulation in tissue or organ models, or animal models, if required. All
component suppliers are identified and qualified and vendors for critical compo-
nents are audited for cGMP (certified Good Manufacturing Protocol)/QSR (Quality
System Regulation) compliance. Component tests, component drawings, design
history files, design reviews, and any master device records are to be verified with
the endpoint objective to draft a product development plan. For Class III devices,
the IDE (Investigational Device Exemption) is submitted to the CDSCO (central
drugs standard control organization) for the necessary approval. In a nutshell, GLP
compliance needs to be established at TRL 5. Following success in the review of
IDE by CDSCO, clinical investigations can be initiated in suitably designed clinical
trials, which require the strictest regulatory approval. At this stage, the basic
technological elements must be integrated with reasonably realistic supporting
elements so that the total applications (component-level, sub-system level, or
system-level) can be tested in a ‘simulated’ or somewhat realistic environment
similar to the final application in almost all respects.

The major difference between TRL 4 and 5 is the increase in the fidelity of the
system to the actual application. At the end of TRL 5, the system tested is almost
prototypical.

In summary, the validation for equivalency in lab simulation/tissue/organ/
animals involved in TRL 5 should ensure the following aspects,
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(a) device to be compared to the benchmark and equivalency to be demonstrated.
(b) all component vendors are identified and audited for cgmp/qsr compliance.
(c) component tests, design history files and master device records verified.
(d) product development plan drafted.
(e) closer interaction with regulatory body for proposed regulatory regime (e.g.

regulatory pathway deliberation with CDSCO).
(f) planning of clinical trial study and seeking necessary clearance from ethical

bodies.

TRL 6—System/subsystem model or prototype demonstration in a relevant
operational environment: TRL 6 begins with the true engineering development of
the technology as an operational system. The major difference between TRL 5 and
TRL 6 is the step up from the laboratory scale to the engineering scale and the
determination of scaling factors that will enable the design of the final system.
A model or prototype of the technology system or subsystem may be demonstrated,
that can simulate and validate all system specifications within a test house, test track
or similar operational environment. The engineering pilot scale demonstration
should be capable of performing all the functions that will be required of a full
manufacturing system. The refinement of the cost model is expected at this stage,
and, simultaneously, efforts should be made to the reduce engineering risk. In the
context of biomedical applications the following points are to be strictly followed:

(a) Clinical trials to demonstrate the safety of candidate Class III medical device
in relevant clinical settings.

(b) Class IIa medical devices final prototypes to be demonstrated for substantial
equivalency in actual clinical settings.

(c) Component tests, component drawings, design history files, design reviews
and any master device records to be updated and verified.

(d) Production technology demonstrated in production-scale cGMP plant quali-
fication. It is important to mention that TRL 6 is normally the last stage of
assessment before the technology is transferred to the biomedical device
manufacturing company. The following are to be additionally followed in the
case of mission-oriented projects for strategic sectors (defence, space, atomic
energy, etc.)

TRL 7—Demonstration of Integrated Pilot System: TRL 7 would normally
be performed in cases where the technology and/or subsystem application is mis-
sion critical and at relatively high risk. The driving force for achieving this level of
maturity is to ensure system engineering and confidence development. At TRL 7,
the final design should be almost complete. The goal of this stage is to further
reduce any engineering and manufacturing risk.

TRL 8—System Incorporated in Commercial Design: At this stage, the
technology with validated performance is proven to work in its final form and under
expected conditions. In almost all cases, TRL 8 represents the end of true system
development. This might include the integration of new technology into an existing

11.2 Concept of Technology Readiness Level (TRL) 239



system. True manufacturing costs will be determined together with product
performance.

TRL 9—System proven and ready for full commercial deployment: By
definition, all technologies being applied in actual systems have to go through TRL 9.
The actual technology system has been qualified through operational experience and
it is in its final form, being operated under the full range of operating real-world
conditions. Some related examples include steady state 24/7 manufacturing costs,
yield, and output projections.

In summary, although TRL 1–9 stages are strictly followed in technology
development in various strategic sectors, like defense, aerospace applications,
the translational research on biomaterials and tissue engineering towards
technology maturation as well as subsequent commercialization is possible
once a biomedical device passes through various TRL stages up to TRL 6.

11.3 Concept of Manufacturing Readiness Level (MRL)

Similar to TRL, Manufacturing Readiness Levels (MRLs) are used to assess
the maturity of a given technology from a manufacturing perspective.

Manufacturing readiness begins, continues during the development of systems, and
continues even after a system has been in the field for a number of years. The
purpose of MRLs is to provide decision makers with a common understanding of
the relative maturity of the stages of manufacturing technologies, products, and
processes. Manufacturing readiness and technology readiness go hand-in-hand.
Ideally, a technology or process matures adequately in conjunction
with Technology Readiness Levels (TRLs).

In 2004, the definition of MRL was created by the Department of Defence
(DOD) under the auspices of the Joint Defense Manufacturing Technology Panel
(JDMTP). Their goal was to develop a maturity model along the lines of the
Technology Readiness Level (TRL) to serve a similar purpose, which is to provide
a widely-accepted common language and measurement scale to enhance commu-
nication on the subject of manufacturing risk and readiness.
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11.4 Various MRL Levels

As summarized in Fig. 11.2, the scales of MRL consist of up to 10 levels. Each
level characterises the progress in the development of a technology, from the idea
(level 1) to the full development of the product in multiple marketplaces and
multiple applications (level 10). In the following, a set of MRL descriptions of the
criteria necessary to define each level and the associated acquisition phase are
briefly mentioned.

MRL 1—Basic manufacturing implications identified: This is the lowest level of
manufacturing readiness in which basic research expands scientific principles that
may have manufacturing implications. The focus is on a high-level assessment of
manufacturing opportunities and to address manufacturing shortfalls.

MRL 2—Manufacturing concepts identified: This level is characterized by an
analysis of material and process approaches. New manufacturing concepts and the
feasibility of manufacturing along with processes are determined.

MRL 3—Manufacturing proof-of-concept developed: This level is characterized
when a manufacturing proof-of-concept has been developed. Experimental hard-
ware or processes have been created in a laboratory environment, but are not yet
integrated due to limited functionality. Further evaluation and functionality are
required for the materials and/or processes that have been characterized for man-
ufacturability and availability. Initial manufacturing cost projections should be
made at this stage.

MRL 4—Capability to produce the technology in a laboratory environment: At
this level of manufacturing readiness, the capability exists to produce the tech-
nology in a laboratory or prototype environment with the technologies to be
matured to at least TRL 4. Key design performance parameters in manufacturing
technology development need to be identified with the assessments of design

Fig. 11.2 Relationship of Technology readiness level (TRL) to manufacturing readiness level
(MRL) (Adapted from Ref. [2])
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concepts. This level indicates that the technologies are ready for the Technology
Development Phase of acquisition.

MRL 5—Capability to produce prototype components in a production relevant
environment: This level of maturity is assigned when the capability exists to pro-
duce prototype components in a production relevant environment. The prototype
materials, tooling and test equipment, as well as personnel skills can be demon-
strated with components in a production-relevant environment. Many manufac-
turing processes and procedures and productivity assessments of key technology
and components can still be in the development stage of MRL 5. Technologies
should have matured to at least TRL 5.

MRL 6—Capability to produce a prototype system or subsystem in a production
relevant environment: At this stage, the majority of manufacturing processes are to
be defined and characterized. Technologies should have matured to at least TRL 6.
Cost estimates need to be allocated and approved as viable.

MRL 7—Capability to produce systems, subsystems, or components in a pro-
duction representative environment: At MRL 7, material specifications are
approved and materials are available to meet the planned pilot line schedule.
Manufacturing processes and procedures have been demonstrated in a production
representative environment.

MRL 8—(Pilot line capability demonstrated; Ready to begin Low Rate Initial
Production) and MRL 9 (Low rate production demonstrated; Capability in place to
begin full scale production): At MRL 8 and MRL 9, the system or component is
expected to be in small scale initial production. The related technologies should
have matured to TRL 9. This level of readiness is normally associated with
readiness for entry into full scale production. Now, all systems engineering/design
requirements should have been met such that there are minimal system changes.

MRL 10—Full-rate production demonstration: This level of manufacturing is
normally associated with the production or sustainment phases of the acquisition
life cycle. Engineering/design changes are generally limited to quality and cost
improvements. Systems, components or items are in full-scale production and
meet all engineering, performance, quality and reliability requirements. It is
expected that at the end of MRL 10, the manufacturing process capability is at the
appropriate quality level.

11.5 Illustrative Examples of TRL Assessment
in Cartilage Tissue Engineering Research

Clinically, cartilage repair is a two-step surgical procedure, often involving sig-
nificant risk and patient morbidity. A manufacturing process to prepare artificial
cartilages can lead to off-the-shelf products. There is a general acceptance that the
next generation of cartilage repair therapy will combine allogenic and/or autologous
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chondrocyte transplantation (ACT) in a biodegradable scaffold for direct implan-
tation into the defect via a minimally invasive surgical procedure. For
chondral/osteochondral lesions, cell-based therapies such as autologous chondro-
cyte transplantation (ACT) and matrix associated ACT are established clinical
procedures. A prospective tissue-engineered treatment would arguably prevent the
progression of cartilage damage and would significantly reduce the total knee or hip
replacement. In Fig. 11.3, the author’s own understanding as to how various TRLs
can be assigned to research on cartilage tissue engineering is presented. The first
thing should be the selection of appropriate scaffold materials, which can either
support the growth/proliferation of chondrocyte cells or guide the stem cell dif-
ferentiation to chondrocytes. Once the scaffold surface and physical properties are
established, the technology is at TRLs 1–2. Subsequently, the non-GLP level cell
culture (2D/conventional) and pre-clinical study with appropriate animal models are
conducted to take the research to TRLs 3–4. Now, the technology is ready to mature
to TRL 5, if the pilot level manufacturing of patient-specific cartilages is accom-
plished together with 3D cell bioreactor studies to assess cartilage formation. Based
on the extensive test results generated, the ethical committee approval can be sought
prior to conducting clinical trials in human patients. The success of a
single/multi-centric clinical trial can take the technology to the last level of maturity
to TRL 6. Now, the technology of cartilage repair is deemed ready for
commercialization.

Fig. 11.3 Various TRL level to be assigned to different stages of research to develop natural
bone-mimicking biomaterials
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11.6 TRL Concept Illustration in Developing Natural
Bone-Mimicking Composites

It can be reiterated here that natural bone is a nanocomposite of collagen I, a fibrous
protein and hydroxyapatite, a mineral. Load-bearing bones have a porous core
(cancellous) and dense shell (cortical) structures. Currently, there is no process
technology to achieve porous hierarchical bone-mimicking composite structures
from the nanometer to the macro-scale dimensions.

The synthesis of 10 nm–100 µm HA powders and patient-specific bone implant
dimensions demand the use of additive manufacturing techniques, as discussed in
one of the preceding chapters in this book. The motivation for the innovative and
rapid manufacturing of realistic artificial bone tissue for orthopaedic surgery is
basically need driven. The market for artificial bone is one of the largest, and
current alternatives are inadequate either due to poor performance, high cost or in
their in ability to address complex clinical situations.

In Fig. 11.4, the author’s personal understanding of TRL assessment in the case
of bone-mimicking scaffold development is summarized. At the initial stage, HA
nanoplatelets of various sizes (10–100 nm) are to be synthesized at the lab scale and
collagen-HA based nanocomposites can be synthesized using conventional manu-
facturing approaches. Once the compressive strength or other basic mechanical
properties together with 2D/3D microstructural characteristics (e.g. pore architec-
ture) are properly analysed, the technology is set to be at TRLs 1–2 and is ready to
enter into the next level of maturity. As part of the biocompatibility assessment,
either the osteoblast cell growth or the osteogenesis of stem cells is to be assessed

Fig. 11.4 Summary of TRL assessment of cartilage repair/replacement technology
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before conducting a pre-clinical study in animal models (e.g. rabbit). Once the
tissue level short/long term compatibility is established, the technology can be
considered to pass through TRLs 3–4. During this stage, various ISO recommended
biocompatibility testing (ISO 1993) with animal studies in rabbits and in higher
animals (sheep/dogs) are to be conducted. At the next level, when additive man-
ufacturing can be adopted to allow patient-specific bone implant fabrication under
GMP conditions and together with GLP level testing, the technology is set to pass
through TRL-5. Here again, bio-additive manufacturing can be adopted with the
delivery of osteoblast/stem cells in a cell-interaction binder while fabricating a
collagen-HA nanobiocomposite at physiologically relevant manufacturing condi-
tions. Such a process can be assessed further for prototyping (MRL 3–5). Also,
ISO31486 (quality management system) and ISO14971 (risk management) are to
be carefully assessed.

Like before, the final stage of technology maturity can be realized once the
ethically approved clinical trials in human patients are conducted and a satisfactory
outcome is recorded. Now, the technology is at TRL 6 and is ready to be transferred
to a biomedical company for commercialization.

11.7 Closure

The discussion in this chapter can be summarised with reference to a general
understanding of TRL/MRl assessment (see Fig. 11.5). In the lab research, the
process parameters are to be optimised in an effort to obtain clinically relevant

Fig. 11.5 Overall understanding of TRL assessment in establishing biomedical device/implant
development
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scaffold/biomaterial properties (physical/mechanical). At this stage, MRLs 1–3 are
established with ‘proof-of-concept’ being proven, while characterizing the opti-
mally processed material. Also, the microstructure at different length scale can be
sufficiently analysed to realise bone-mimicking structures in the context of targeted
orthopedic applications. Once the above research results with test samples are being
analysed, TRLs 1–2 are established. At the next level, non-GLP level cell culture
and animal studies are to be conducted. Here, the application-specific cell line and
disease specific animal model are to be used. Given that the material has acceptable
biocompatability at the non-GLP level, the technology is now at TRLs 3–4. At a
still higher level, the engineering design of patient-specific implants or the design of
biomedical devices with a range of sizes are to be conceptualised, and MRL
assessment of device/implant prototypes is to be pursued. The MRL assessment at
this stage is more challenging than at an earlier level and various stages of device
manufacturing are often accompanied by close dimensional tolerance or
device-specific property measurements at the GLP-level. Once the prototype fab-
rication is established, the concept is considered to pass through MRLs 3–5. Also,
when the GLP-level device testing, i.e. hip/knee simulator for THR/TKR, has been
successfully conducted to assess the biomechanical performance, the overall
technology is said to reach the end of TRL 5. The next level of TRL would involve
clinical trials following ethically approved protocols. Once the outcome measures
are clinically acceptable, TRL 6 is established and the technology is ready to be
transferred to a biomedical company.

Prior to large-scale industrial production, higher MRL levels i.e. MRL 6 or
above are to be assessed depending on regulatory approval to ensure the
strictest control over device performance in human healthcare.

The discussion in this section and particularly in the last two sections are based
on the author’s own perception and should be used with due diligence.
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Chapter 12
A Way Forward

12.1 Patient-Specific Implants

Traditionally, the biomedical devices are available in different sizes or shapes suited
to human population for a given country. Each and every patient has a unique
requirement of target bone replacement, especially with respect to mechanical and
biocompatibility properties. Therefore, a combination of various porous designs
composed of different materials (titanium/hydroxyapatite and neovascularization-
promoting polymer materials) can be manufactured by additive manufacturing
technologies, and their mechanical properties can be measured to obtain a property
database of medical materials. This is in line with the existing need to develop
implants for those patients, whose bone condition at any location has deteriorated
so much that it cannot bear the load, or to respond to any other cause generating any
vulnerable situation in the human body due to disease or trauma. However, the
existing off-the-shelf implants used as remedial measures can take care of the
problem only partially. Through developing a production method and business plan
to commercialise patient-specific customized implants, it is expected that better
performance with precise adaptation to the region of surgery, reduced procedural
times, better aesthetics and most importantly greater integration with the injury site
will be obtained.

To this end, engineering tools like the finite element (FE) analysis method can be
adopted in order to predict the mechanical properties desired for a particular patient.
Several parameters will be taken as the input with the most important being the
patient’s bone condition and the patient’s physical parameters. Such an approach to
the manufacturing of bone replacement is not yet reported in the literature. In the
last decade, the use of this mathematical approach has enhanced our understanding
of bone fracture remodelling and most importantly enabled us to understand the
relationships between load transfer and optimized tissue integration or load redis-
tribution after insertion of orthopedic implants. Coupled with the advent of more
advanced imaging modalities, development of models that closely represent the
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biomechanics of individual patients is now possible. However, improvements in
accuracy, reliability, and ease of use of the applied FE modelling method are
needed before clinical adoption of patient-specific FE models. Therefore, one
important aspect that concerns the development of proper patient-specific models is
the incorporation of correct material properties after image segmentation and
meshing. This step requires an estimation of patient-specific parameters from the
CT/MRI scan of patients.

The idea of patient-specific implants for musculoskeletal reconstruction is
rapidly gaining acceptance amongst surgeons and changing the way surgeons plan
and execute their operations. Patient-specific customized implants have shown a
better performance than their generic counterparts worldwide for maxillofacial
operations owing to the precise adaptation to the region of surgery, reduced pro-
cedural times, better aesthetics, fast activation of regeneration related to signaling
mechanisms and most importantly greater integration with the surrounding tissues
at the defect. However, this paradigm has not been adopted in clinics in many
developing nations, to a large extent.

A part of the problem lies in the fact that the development of such products and
processes essentially requires interdisciplinary efforts drawing on the expertise of
diverse areas. For example, advances in radiology along with image processing,
analysis and patient-specific model development which are now possible should be
combined with 3D printing and other additive manufacturing (AM) technologies.
Integration of computer-aided design tools with computer-aided manufacturing
especially AM [e.g.3D printing (3DP)] tools holds promise in the context of suc-
cessful production of mass customized implants. A suitable business model is also
required to be framed for mass customization models.

Such manufacturing approaches are expected to benefit economically
marginalized members of society, who are afflicted with rare disorders impairing
mobility and need customized assisting devices or prosthetics but are not served by
industries owing to lack of business incentives. They are often provided with
off-the-shelf implants and devices and hence subjected to significant discomfort.
This discomfort is not always expressed, because of social pressures on them, and
hence serving this marginalized population would be beneficial for social diversity.

The direct production of orthopedic implants for bone replacement application
by additive manufacturing will eliminate the constraints of shape, size, curvature,
complex internal geometries and mechanical properties, enabling them to better
conform to the physical and mechanical requirements in the region of implantation,
hence providing improved clinical outcomes. In one of the research publications,
the appropriate handling of computer generated design files prior to the start of the
AM process has been advised [1]. However, several fundamental challenges remain
to be addressed before the clinical adaptation of AM technologies. Developing
more reliable algorithms allowing precise feature extraction from medical imaging
modalities like CT and MRI, specifically for medical AM, is an objective yet to be
achieved. Though finite element methods are often used for design of implants for
pre-operative planning, such methods are not yet adopted in clinical practice for
patient bone condition specific design of implants. This will significantly help in
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optimizing treatment and predicting the prognosis of therapies, as well as in the
intelligent design of clinician training. Patient-specific modeling allows measure-
ment for a patient which otherwise cannot be recorded, and equips physicians with
new data or new interpretation of the previously existing data.

12.2 Design Related Challenges for Porous Scaffolds

A number of biomedical applications demand the use of porous scaffolds, which
can be fabricated using a host of AM techniques. One of the great advantages of
AM-based processes is the ability to control external as well as internal morphology
easily during scaffold/implant generation. External morphology (size and shape)
can and should be adapted to the dimensions of the patient-specific defect. For this,
3D data from the patient is needed, which can be provided mostly as a CT or MRI
dataset. Several software solutions for translating these datasets into command files
for the RP machines have been developed, which is why this problem can be
regarded as solved. In contrast, defining the internal morphology of (porous)
scaffolds and implants still needs individual optimization and cannot be fully
automated.

Despite the wider use of porous scaffolds, their design and geometry opti-
mization for successful integration in tissue engineering requires further develop-
ments to identify optimal design. This has motivated researchers to develop new
designs for orthopedic/dental applications, for example, optimal bone and cartilage
regeneration. These aspects included criteria in geometry selection for the 3D
porous scaffold library, and minimum ratio between pore size and layer thickness,
which can be used in the design process. Although the requirement for fabrication
of materials with gradient in porosity has been well perceived, there have not been
enough efforts to create various porous architectures with complex pore size
distribution.

The fabrication of scaffolds with complex porous architectures therefore repre-
sents a major challenge in the field of tissue engineering. The pore size and shape
should be specified for different biomedical applications. For example, for hard
tissue application, the pore size should be optimized for enhanced bone growth
without causing the mechanical properties to deteriorate. Although a large number
of studies have demonstrated the possibility of constructing tissue-engineered bone
repairing scaffolds with pore size distributions using rapid prototyping techniques,
the design aspects of mimicking complex pore shape as well as spatial distribution
of pore sizes of natural hard tissue remain still unexplored. Computer simulation
can be effective in optimizing pore characteristics with a size and mechanical
requirement constraint. This should be the starting point for the design of a 3D
powder-printed scaffold.

The mathematical modeling of porosity in bone implants may be prospective in
the context of creating multi-scale pore sizes in the same layer of a particular
scaffold segment. In addition, complex pore shapes, depending on various
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anatomical sites can also be generated in theoretical modeling. The mathematical
modeling of scaffold pore designs becomes necessary when the complex positions,
orientations, shapes and sizes of the pores in natural bone cannot be mimicked
appropriately in CAD built scaffold architectures or using commercial 3D design
software.

When designing 3D scaffolds, the mechano-biological aspects need to be con-
sidered. Computer simulations to predict tissue formation use mechano-regulation
algorithms to formulate how mechanical forces modulate tissue differentiation and
bone remodeling. Numerical simulations of bone growth into scaffolds based on
mechano-biological models are however relatively new. For example, Sanz-Herrera
et al. [2] used a two-dimensional (2D) finite element model to analyze bone growth
within a scaffold implanted in the femoral condyle of a rabbit. Similarly, Adachi
et al. attempted to model bone regeneration in a unit cell of a three-dimensional
scaffold microstructure. The fabrication of the designed porous scaffolds in line
with the mechano-biological property requirements demands the use of an
advanced fabrication technique, which can translate design into product.

12.3 Challenges in Mechanical Property Evaluation

Although routine mechanical property measurements for porous scaffolds similar to
those carried out for non-porous scaffolds or implants are being reported in the
literature, this author believes that a different experimental strategy needs to be
adopted, particularly to capture the effect of porous architecture on the mechanical
properties. For example, in situ tensile or compression set-up can be used in
combination with micro-CT to perform a series of thoughtful experiments with
varying crosshead speed to probe into the influence of strain rate on stress–strain
response of porous scaffold. In addition, micro-CT images of the scaffold at various
timescales during deformation can be acquired in order to interrupt and analyze the
progressive morphological changes of a 3D scaffold under given loading.

The failure of scaffolds under impact loading also represents another potential
research area. The impact loading can be simulated using high strain rate
mechanical testing and this can be conducted using a specialized experimental
set-up like the Split-Hopkinson Pressure Bar test (SHPB) [3, 4]. The SHPB test for
ceramics scaffolds needs to be conducted under compression mode; using a
high-speed camera, the collapse of the porous architecture can be recorded at
various timescales to understand the failure mechanism. At present, such experi-
ments for 3D scaffolds with potential biomedical application are not yet reported in
open literature. Here again, one can vary the strain rate and thereby can capture
strain rate dependent dynamic stress response for ceramic or metallic scaffolds.
Taken together, it needs to be highlighted that the strain rate dependent stress–strain
response for porous scaffolds must be given due importance in the case of a load
bearing scaffold.
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One of the major concerns for a ceramic based scaffold is the strength reliability,
which is quantified by the determination of the Weibull modulus (m). The mea-
surement of ‘m’ requires a large number of samples to be tested in compression,
shear or tensile mode. For example, Meininger et al. [5] recently reported the
Weibull modulus of magnesium phosphate (MgP) based scaffolds to vary in the
range of 5–8, which is comparable with the monolithic alumina ceramics. Prior to
the clinical application of any bioceramics scaffold, it is imperative that the Weibull
modulus of the scaffold be determined using either compression or bending mode.

Concerning the microstructure-property relationship, it is instructive to use
different porous architecture for a given material so that the functional relationship
between the architectural parameters (pore size, pore interconnection density) and
elastic modulus or strength is established. Such a relationship can be subsequently
used as a design guideline for scaffold manufacturing for any targeted application,
which may experience a combination of mechanical properties. Although such
functional relationship may exist in the case of non-porous materials, this is
somehow not reported for a porous scaffold. It must however be recognized that
such a relationship will be sensitive to material composition. As far as the failure
mechanism is concerned it is important to establish a specific pore architecture
which can facilitate progressive failure i.e. delayed failure once maximum strength
is reached. The ideal scenario would be that under a load, the entire scaffold fails in
a layer-by-layer manner, the way the scaffold was constructed during the additive
manufacturing process.

It is believed that the above-mentioned experimental analysis approaches can be
integrated to develop an overall understanding of the deformation and failure
mechanism of different scaffolds under different loading conditions.

12.4 Additive Manufacturing Related Challenges

The fundamental concepts related to low temperature additive manufacturing of
porous scaffolds are discussed extensively in a preceding chapter. In the context of
powder-based 3DPP/3DPL of scaffolds, particle size and shape are equally
important. While finer particle sizes with a larger interfacial area would have more
surface interaction with a binder, the spherical-shaped powder would have a better
flowability property. If powder size is too small, it would not be homogenously
spread in thin layers, because of low powder flowability. Moreover, the spread
roller may overpress the powder. On the other hand, if the powder size is too large,
the structure would lack good strength and small parts would not be strong enough.
The powder properties, such as particle size, flowability and roughness, have to be
determined as key factors with predictive value for final 3DP outcome.

Another challenge lies in formulating the suitable binder and optimizing the
binder saturation volume corresponding to a particular layer thickness to print a
new material by 3DPP technique. The type and amount of the binder need to be
optimized to fabricate a 3D printed scaffold. The use of a reactive binder
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(e.g. H3PO4) is restricted by the print-head of the 3DPP machine. In the current
scenario, most (if not all) of the 3D printers used in biomedical applications have
commercially patented print-head technology, which is optimized for regular ink
printing on paper. A better solution is the development of suitable print-heads
(piezoelectric/thermal DOD) such that they can print a chemically reactive binder.
Hence, it remains challenging to find out the composition and the suitable amount
of the binder for printing a homogeneous/gradient porous scaffold.

As far as other processing related challenges, (e.g. binder-material interaction),
are concerned, the wetting of powder by the binder depends on many parameters
such as the contact angle between binder and powder, the binder viscosity, the
topography of the powder bed surface (depending on powder shape and size) and
the chemical reactions occurring between binder and powder. Such interactions can
lead to swelling or partial dissolution of the particles constituting the powder bed.
The amount of binder solution absorbed and the volume distributed within the
powder bed determine the resolution and mechanical properties. The binder
spreading can be prevented by a reactivity that is too high, whereas a very low
reactivity might favor intensive binder spreading. So, the timing and reactivity of
the binder reaction are crucial and need to be optimized for the final printing
accuracy, and for the consolidation of two consecutive layers.

The current methods available for depowdering, like brushing, air blowing and
vibration, are not very helpful for complex or internal features. Moreover, in the
case of small pores (<100 µm), pore-architecture and also scaffold design have to
take depowdering into account. Indeed, minimum pore sizes produced by 3DP are
currently *100 µm, although the printing resolution with a 600 dpi print-head is in
the range of approximately 40 µm. This is partially due to the previously mentioned
spreading of binder in the powder bed, but removal of unbound powder (with
particle size of 20–30 µm and irregular particle shapes blocking each other) from
very small pores is another limiting parameter. Therefore, a new technique with
better control needs to be discovered to completely depowder complex/gradient
porous structure. This might be performed by simultaneously printing reactive
chemicals (e.g. EDTA as Ca2+ complexing agent) into the pores, which would lead
to a partial dissolution of the unbound calcium phosphate powder, reducing particle
size in the pores, post-printing.

Concerning the sintering-based post-processing, phase transformation may take
place at higher temperature during sintering; that would result in conversion of the
scaffold material into an undesired different phase. Porosity can also be affected
while the binder part is being removed. Hence, optimized post-processing heating is
required to remove the excess binder as well as to develop materials with good
strength property.

The development of novel bio-inks, suitable as pastes for 3D plotting (3DPL) as
well as binders for 3D powder printing (3DPP) is considered as a new approach in
fabricating bio-scaffolds in ambient temperature. Bio-inks for utilization in RP
should ideally mimic the extracellular matrix (ECM) of the tissue to be fabricated.
Unfortunately, the engineering properties of most ECM constituents and especially
the ECM as a whole are extremely poor, which limits their application in
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biomaterial processing and additive manufacturing. The development of novel,
ECM-based bio-inks with the desired composition is to be investigated in future to
overcome the shortcomings. The provision for integration of live cells in the 3D
plotting process with the bio-inks needs to be investigated. The state-of-the-art
biodegradable biomaterials (synthetic and natural polymers) and polymer/calcium
phosphate composites can be used in this aspect. Natural polymers (biopolymers)
on the other hand are more cell interactive, but often inconsistent in properties like
viscosity and mechanical strength owing to charge differences. In addition, impu-
rities like endotoxins, polyphenols etc., may occur in medical grade polymers,
leading to major limitations for large-scale medical use.

In the case of 3D plotting, the variability of pore size and morphology is limited
compared to 3DPP. This is in view of the fact that the pores can only be defined by
arranging strands with commonly round profile in different ways for the 3DPL
route. Much work in this respect has been done with thermoplastic polymers using
FDM, which can be translated to 3D plotting. Not much has been done concerning
mathematical modeling of such morphologies and one can assume that novel
designs will be developed, which can be reproduced by 3D plotting. Especially
when different materials like stiff mineral phases and elastically compliant
(bio) polymers are to be combined within one construct, mathematical optimization
of the pore arrangement would be beneficial.

Similarly, additive manufacturing is introduced as an automatic process to create
rapid prototypes and functional end-use parts, taking virtual designs from Computer
Aided Design (CAD) software and transforming them into layer-wise
cross-sections, until the model is complete. Today, AM is a growing market in
every manufacturing sector, with a global additive manufacturing market of
$1843.2 million in 2012, and is expected to grow at a CAGR of 13.5 % to reach
$3471.9 million by 2017. The global demand for 3D printers and related materials
and software is projected to rise 21 % per year to $5.0 billion in 2017. Prototyping
continues to account for the majority of demand, but more rapid growth is now seen
in production and consumer applications. The 3D printer is now increasingly being
used to manufacture direct production parts and finished goods in a wide variety of
applications. Recently, Wipro, an Indian multinational giant, has also ventured into
this area with an investment of $1 million. It can therefore be concluded that
patient-specific implant manufacturing using radiological data, cloud computing
and data transmission, together with additive manufacturing using bio-functional
and biological components, present an attractive techno-economic scenario to
venture into in the near future.

In terms of the business potential, the cost-effectiveness of such approaches
needs to be established by carefully estimating the cost structure or cost-benefit
analysis. The patient-specific approach can provide the hospital with an additional
28 min of available operation theatre time per procedure, based on reduction in
preparation and operative times compared to conventional methods, and an addi-
tional 67 min compared to computer navigation based on this model. This time
saving is likely to give the health care system a greater economic impact along with
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implant-related cost savings. In India presently a total hip arthroplasty procedure
costs approx. 5000USD. It is expected that the production efficiency due to additive
manufacturing will take it downwards.

12.5 Challenges in Biomedical Device Development

In the last few decades, the healthcare system in many developing nations, such as
India, China is gradually embracing the western procedures and protocols for
diagnostics, treatment, and patient-care. As a result, the quality and efficacy of
healthcare have significantly improved, but the cost of quality healthcare has
escalated beyond the reach of the economically challenged population and has
become a burden for most segments of the large population. The principal reason
for this can be attributed to the high cost of imported biomedical devices.

As mentioned earlier in this book, the development of competitive indigenous
biomedical devices is widely seen as an urgent need in many of the developing
nations around the world. A silver lining in this dark cloud is the emerging pockets
of innovation in academic institutions and industry. What is lacking is the sup-
porting infrastructure to foster the development of biomedical devices. Bridging
this gap and then extending help to researchers, inventors, and industry in the nation
should be the focus. The creation of a comprehensive facility as well as of a
research ecosystem that supports the development of biomedical devices from
concepts to marketable products is essential to ensure the growth of this field of
major societal relevance. A vision towards achieving such a goal is described
below, so that a reader can realise the need to adopt a multidisciplinary approach in
developing biomedical devices. The necessity for the next generation of biomedical
researchers is also highlighted (Fig. 12.1).

Fig. 12.1 Various issues restricting effective and smooth translation of the
‘bedside-bench-bedside’ concept to facilitate better human healthcare, as discussed in this chapter
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As shown in Fig. 12.2, self-reliance in healthcare devices demands the avail-
ability of a formal Biomedical science-industry group comprising clinicians and
biomedical industry professionals. This is deemed to be important in many nations,
including India. In addition, it is equally important to bring together engineers,
scientists (biologists in particular), clinicians and end-users or patients. Access to
clinical advice and participation is critical for efficient development of biomedical
devices. Therefore, clinicians should be hired as consultants to enable them to work
at an academic institute. This Medical Science-Industry Group should be involved
in all stages of the development of biomedical devices (see Fig. 12.2).

Facility for Biomedical Devices: Another important step would be to set up a
central integrated facility for developing biomedical devices together with a com-
putational platform. The human ecosystem around such a facility should make it
possible to identify important and relevant problems and would provide guidance
from the viewpoints of clinical departments and biomedical industry.

Such a facility should have a workshop with modern machines for prototyping
biomedical devices and facility for biocompatibility testing. With all this, a
researcher can move from the conceptual stage to the clinical validation stage, all in
one facility, following the advice of clinicians and biomedical industry experts.
Ample support in terms of the necessary basic research should also be available at
the facility. As shown in Fig. 12.2, the facility could also act as an incubation centre
for biomedical devices.

Prototyping of Biomedical Devices: Prototyping of biomedical devices during
the development stage is another practical difficulty. The conventional workshops
available in many engineering departments are clearly inadequate for this purpose.
In fact, even established biomedical industries find prototyping prohibitively
expensive because making a die or a mould for a device whose design is yet to be
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Fig. 12.2 Overview of the concept of translation of research to biomedical devices
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finalized and tested is indeed expensive. The use of the new class of 3D printers
emerging from additive manufacturing can mitigate this problem to a large extent.
As biomedical devices use a variety of materials including polymers, metals, and
ceramics, an ideal facility should have a comprehensive fabrication workshop with
an access to traditional and emerging additive manufacturing machines.

Biocompatibility testing: As compared to testing and validation of general
materials science based products, biomedical devices have to pass through the extra
requirement of ensuring biocompatibility. It is worthwhile to mention that as a
proof-of-concept, in vitro testing can be used to screen the materials prior to
pre-clinical testing (in vivo). The testing facility should have equipment for culture
facilities for bacteria, cells, and tissues. It should also have equipment for
haemocompatibility, toxicology, and histopathology along with essential micro-
scopy and cell level analysis. Access to a good animal facility is also important. In
addition to the equipment, the facility will have professionally managed
well-trained technical staff who are expected to maintain the equipment and help the
researchers.

Clinical trials and regulatory approval: In reference to the discussion in one
of the chapters in this book, any biomedical device, once proven to be biocom-
patible pre-clinically either at implant or device level, needs to undergo clinical
trials in human patients. This requires strict regulatory approval, apart from the
human ethics committee approval and the funding to conduct clinical trials. This
has often been the bottleneck in translational research on biomaterials, which also
demands the involvement of busy clinicians. The sequence of the flow of concepts
and research results in the translation of research concept to final biomedical device
is shown in Fig. 12.3. Once a device is proven to provide clinically appropriate
patient satisfaction, the technology for device manufacturing can be transferred to
biomedical device companies. While the biomedical research can be very satisfying
to a researcher because of its societal relevance, it is important to mention here that
such research also actively involves people with widely differing expertise which
demands effective integration.

Human Resource Training: The creation of a facility for biomedical devices,
while helping research and development, will also help in training people. By way

Fig. 12.3 The translational path from basic science, to a medical device, to clinical application.
Although a rabbit animal model is shown under pre-clinical testing, larger animal models are to be
used to validate small/medium animal models. Also, for representative purposes only, a total hip
joint replacement device is shown
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of symposia, summer schools, specialized programmes and internships for medical
students and doctors, and familiarization workshops for undergraduates and
high-school students, such a facility can play its part in human resource training.
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