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Preface

ix

This book is concerned with biomedical applications of polymeric materials. 
Its purpose is to explore several key applications of polymers in bioengi-
neering, including drug delivery, tissue scaffolding, joint components and 
cardiovascular devices. The intention is to highlight the relationship between 
polymers, the way they are processed and their resulting properties. The 
content should therefore appeal to a broad range of reader from industrial 
to academic. 

The rationale for the work stems from the premise that the use of poly-
mers in the human body is important. Polymers have transformed the 
quality of life for many patients, as demonstrated in the following examples.  
In a total hip replacement, the use of PMMA as a bone cement and PE as 
a replacement cup has offered patients with osteoarthritis near complete 
mobility and relief from the pain associated with this degenerative disease. 
The impact of the use of PET in cardiovascular prosthetics is even more 
profound as these biomedical devices offer the possibility of saving life. 

The structure of the book is as follows. Chapters 1 and 2 provide an 
introduction to tissue engineering and drug delivery systems. The intention 
in these introductory chapters is to provide a background to these key 
themes from an interdisciplinary perspective. Chapters 3 and 8 develop the 
tissue engineering theme by considering the application of hydrogels and 
natural polymers as tissue scaffolds. The theme of controlled release is 
developed in Chapter 4 by considering the use of synthetic biodegradable 
block copolymers in drug delivery. While each chapter concludes with a 
section that considers the future in each area, Chapter 7 offers a view of the 
future based on the concept that polymers can be used as sensors in the body. 

The application of polymeric materials in the human body is clearly an 
exciting area, one which offers the potential of profound benefi ts for society. 
I hope this book provides a way of facilitating the reader’s entry into this 
rapidly expanding, interdisciplinary area. Finally, I would like to thank the 
contributors for all their time and effort during the preparation of the chapters.

M. J. Jenkins
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1
Introduction to polymeric scaffolds for 

tissue engineering

K HARRISON, GlaxoSmithKline R&D Ltd, UK

1.1 Introduction

Tissue engineering is a strategy for the repair or replacement of damaged 
tissues or organs, involving the culture of living cells in vitro on a synthetic 
structure and the subsequent implantation of the construct into patients.1 
This is termed morphogenesis.2 The aim is to harvest a relatively small piece 
of tissue, to remove the cells and then to expand the cell population. The 
cells can subsequently be reimplanted using a carrier material to assist in 
the generation of a substantial amount of tissue. As such, tissue engineering 
is a multidisciplinary area, which requires considerable biological input to 
gain insight into the behaviour of cells during in vitro culture and in vivo 
implantation. It also requires extensive engineering knowledge to fabricate 
and process materials that are suitable for guiding tissue development.

Tissue-engineered constructs (TECs) are typically composed of two com-
ponents: a group of cells and a material scaffold on which they can grow.3 
The cellular component is responsible for the generation of new tissue 
through the production of an extracellular matrix (ECM), which is impera-
tive for the synthesis of healthy functional tissue. The scaffold material 
initially provides mechanical stability and also provides a template to guide 
three-dimensional cellular growth. The interaction of these two compo-
nents, such as the coordination of polymer degradation rate with cellular 
synthesis rate, is critical for the success of tissue engineering.3

1.2 Cells used in tissue engineering

Cells used in tissue engineering may be drawn from a variety of sources 
including primary tissues or cell lines.4 Primary tissues may be xenogeneic 
(from different species), allogeneic (from different members of the same 
species), syngeneic (from genetically identical individuals) or autologous 
(from the same individual). The majority of TECs have employed primary 
autologous cells to prevent eliciting a foreign body response.5
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One of the most critical elements of tissue engineering is the ability to 
mimic the body’s natural scaffold that normally serves to organise cells into 
tissues.6 The natural scaffolding biomaterial is the ECM.6 The ECM is a 
composite tissue composed of a variety of macromolecules, which can be 
grouped into four major classes, each of which is responsible for specifi c 
ECM characteristics.7 The four classes of macromolecules are collagens, 
proteoglycans, cell interactive glycoproteins and elastic fi bres. Furthermore, 
although all ECMs share these components, the organisation, form and 
mechanical properties of ECMs can vary widely in different tissues depend-
ing on the chemical composition and three dimensional organisation of the 
specifi c ECM components that are present.

Collagens are the most abundant proteins in the body and are primarily 
responsible for the structural role of the cell. Proteoglycans, however, are 
complex macromolecules that each contain a core protein with one or more 
covalently bound linear polysaccharide chains known as glycosaminogly-
cans (GAGs).7 Proteoglycans such as hyaluronic acid are found within the 
cell or on the cell surface. These macromolecules are able to self-associate 
to produce entangled networks that trap large amounts of water, are highly 
elastic and yet easily deformed. Owing to the elastic properties, proteogly-
cans defi ne a space in which cells can move and differentiate and also form 
new matrices.

Within the ECM, there are domains containing specifi c amino acid 
sequences called cell-interactive glycoproteins that are recognized by cell–
surface receptors. These polypeptide sequences often serve as adhesion 
recognition signals and may provide cell-type specifi city.7 Cell adhesion is 
critical for the assembly of cells into tissues and the maintenance of tissue 
integrity. In order to form a three-dimensional structure, cells must adhere 
not only to one another but also to the underlying support structure. Cell 
adhesion is usually accomplished by receptors such as integrin, which 
responds to the adhesion recognition signals.7 The fi nal component of ECM 
is elastic fi bre, which provides tissue fl exibility.

The primary function of the ECM in tissue development is its role as a 
physiological substratum for cell attachment.6 Furthermore, most cells only 
grow when attached and spread on a solid substrate. As such, cells attach 
and spread in vitro by either depositing new ECM components or by binding 
to exogenous ECM. Likewise, if cells are detached from the ECM, they 
rapidly lose viability and can undergo programmed cell death such as 
apoptosis.7

Cell adhesion is a very important factor, which plays a role in tissue and 
organ formation and in the generation of traction for the migration of cells; 
it is also important in determining the biocompatibility of synthetic implant 
materials.7 In animal cell adhesion, cells fi rst attach to a surface by pseudo-
podial extensions. Subsequently, the cells spread to form focal contacts. 
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Both stages involve the cell probing the surface for protein ligands.7 
Transmembrane glycoproteins such as integrins may link extracellular pro-
teins to the cytoskeleton inside the cell.

As such, specifi c cell–surface and cell–cell interactions are mediated by 
receptor molecules, which have an extracellular domain at the surface of 
the cell and adsorbed or soluble proteins or peptide sequence ligands, 
which bind to these receptors.7 It is thought that the subsequent adsorbed 
protein layer infl uences events at the solid–liquid interface, as cells must 
interact with this protein layer. Adhesive proteins may act as bridging 
molecules between the cell and artifi cial surface.

The ECM also serves to organise cells spatially. The basement membrane 
forms anchorage points, which provide an initial point of orientation and 
stability. Moreover, it has been shown that orderly tissue renewal following 
injury or ageing is successfully achieved by the presence of insoluble ECM 
scaffolds. The ECM acts as a template that maintains the original architec-
tural form and ensures accurate regeneration of pre-existing structures. 
Therefore, in order to engineer any organ or tissue successfully, a suitable 
substratum must be used to replicate the ECM and to provide initial support 
and guidance for tissue regeneration.

A number of different therapies have been developed to aid the regen-
eration of damaged tissue. One area that has received much interest is 
cartilage tissue engineering. Once damaged, adult cartilage has a limited 
intrinsic capacity for repair, particularly if the defect is confi ned to carti-
lage.8,9 This arises because chondrocytes, the sole cellular component of 
cartilage, are unable to migrate to the site of injury, because of the absence 
of repair elements such as the ingrowth of mesenchymal cells and a fi brin 
clot scaffold into which the cells can migrate and because of the avascular 
and alymphatic nature of cartilage.1 As such, external therapies have been 
developed to regenerate cartilage with appropriate functionality.

Cartilage has the lowest cellular density of any tissue in the body with 
less than 5% cells by volume.1 It is an avascular mesenchymal connective 
tissue, which exists in three histological types.4 Hyaline cartilage is present 
in walls of respiratory passages, ventral ends of ribs and articular surfaces 
of joints. Elastic cartilage is present in the walls of the external auditory 
canal, as well as in the epiglottis and the cuneiform cartilage of the larynx. 
The fi nal type of cartilage is fi brocartilage, which is located in vertebral 
discs and is involved in attachment of certain ligaments to bone.

Articular cartilage, a type of hyaline cartilage, has a complex three-
dimensional structure, which gives it the ability to bear and distribute 
loads.1 The ability to withstand loads and to act in a poroelastic manner is 
an integral part of the functionality of articular cartilage and is partly deter-
mined by the presence of type II collagen.9 Type II collagen makes up 15–
22% of cartilage and is present when cartilage is in the differentiated state. 
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The differentiated state is when cells have a particular gene expression, 
which determines the specifi c function that the cell is able to perform such 
as load bearing for differentiated chondrocytes.

However, chondrocytes readily dedifferentiate and transform into fi bro-
blast-like cells. Consequently, collagen type II switches to collagen type I. 
Dedifferentiation to the fi broblastic state causes cartilage to not possess the 
correct physical attributes such as a weight-bearing capacity.5 The cartilage 
will instead be histologically similar to fi brocartilage, which is a non-weight-
bearing tissue.

The propensity of articular cartilage to dedifferentiate into fi brocartilage 
can be limited by the culturing conditions. Chondrocytes grown on mono-
layers dedifferentiate with passaging and lose both the chondrogenic 
phenotype and their redifferentiation potential.10 However, chondrocytes 
grown in conditions that support their round morphology and prevent 
spreading, such as three-dimensional constructs, can maintain the differen-
tiated phenotype.5

The use of specifi c growth factors such as basic fi broblast growth factor 
(FGF-2) and transforming growth factor β1 (TGF-β1) has also been found 
to increase the rate of cell proliferation and to maintain the cellular ability 
to redifferentiate upon transfer to a three-dimensional environment.11 As 
such, the incorporation of growth factors into the scaffold environment can 
successfully assist in the maintenance of the chondrocytic phenotype of 
engineered cartilage.

In addition to collagen, cartilage is composed of proteoglycans (4–7 wt%) 
and water. The proteoglycans are composed of sulphated glycosaminogly-
cans (sGAGs) attached to a protein core. These monomers bind to long 
chains of hyaluronate and form aggregates. Furthermore, proteoglycan 
aggregates or aggrecans are typically indicative of differentiated cartilage 
and the ability to weight bear.12 The collagen and proteoglycans interact 
non-covalently to form a fi bre-reinforced composite matrix, which has 
mechanical strength and stiffness.

Inherent to the success of cartilage is the interaction between chondro-
cytes and the ECM.13 The ECM provides structural support and also 
consists of specifi c protein sequences that chondrocytes attach to via het-
erodimeric transmembrane receptors, namely integrins.5,13 These mediate 
reciprocal interactions between the ECM and the intracellular cytoskele-
ton, resulting in functional organisation of the ECM and cytoskeleton. The 
binding of specifi c integrin complexes to ECM components also initiates 
signal transduction cascades that regulate chondrocyte survival, prolifera-
tion and gene expression.5,13

Under compression, articular cartilage behaves like a poroelastic mater-
ial, whereby its response to compressive loads is frequency and strain 
dependent.9 This is governed by the interrelationship between solid ECM 
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constituents, namely collagen type II and interstitial fl uid fl ow (e.g. water). 
As such, tissue-engineered cartilage needs to have a distinct molecular 
composition and architecture that is optimised for the unique mechanical 
functions the tissue is required to carry out. Various considerations 
therefore need to be made to minimise the proclivity of chondrocytes to 
dedifferentiate into fi broblast-like cells, which do not possess the correct 
physical attributes.

In contrast with cartilage, bone is continuously remodelled during the 
lifespan of most vertebrates.10 Bone remodelling is a result of the balance 
between the activities of two different cell populations: osteoblasts and 
osteoclasts. Osteoblasts are responsible for bone deposition and are derived 
from mesenchymal lineage cells.7 However, osteoclasts are multinucleated 
giant cells and are involved in bone resorption. When osteoblasts disperse 
as local lining cells on a bone surface, an exposed runway is provided for 
osteoclasts to attach to and, following expression of a soluble factor or 
second messenger from the osteoblasts, osteoclasts are prompted to resorb 
bone.7 The dynamic reciprocal relationship between osteoblasts and osteo-
clasts, therefore, carefully controls resorptive–appositional activities.

Bone injuries are common and, although, unlike cartilage, bone can 
readily repair itself, certain injuries and defects do still require external 
therapies to regenerate bone effectively.10 Common therapies have included 
permanent replacement of the bone tissue with a foreign material such as 
a metal plates or pins. However, restoration of bone tissue at the site using 
transplanted biological material such as autograft and allograft bone is 
becoming more widespread.4

Constructs implanted with bone cells can be osteoinductive (inducing 
new bone formation) in addition to being osteoconductive (permitting bony 
ingrowth) whilst also providing a source of osteogenic cells.4 Bone forma-
tion consists of a complex series of events that begins with the recruitment 
and proliferation of osteoprogenitors from mesenchymal stem cells fol-
lowed by cell differentiaton, osteoid formation and ultimately mineralisa-
tion.14 Human bone remodels at a rate of approximately 2–10%/year and 
packets of cells, i.e. osteoblasts, osteoclasts and osteocytes, known as the 
basic multicellular unit (BMU) function as instruments for remodelling.7 
The BMU is responsible for the sum activities of cell activation, resorption 
and formation.

Bone is unique as it has a vast potential for regeneration from stem cells.14 
Autogenous osteoblasts or progenitor cells can therefore be derived from 
stem cells in the bone marrow.4 Mesenchymal stem cells are subsequently 
capable of differentiating along multiple lineages and assist in bone re -
modelling and fracture repair.15 This is extremely promising as it provides 
an additional source of donor cells that can successfully assist in producing 
functional bone.
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Bone is a highly complex organ consisting of two distinctive integrated 
tissue types interspersed with multiple cell phenotypes. Bone is also 
dynamic; it is highly vascularised; it fulfi ls rigorous biomechanical roles and 
responds to physiological demands. As such, the aim to successfully engi-
neer bone poses many diffi cult problems, which need to be considered to 
produce viable bone substitutes.

The liver is the largest organ in the body. The mass of the average adult 
liver is 1.5  kg or roughly 2.5% of the body mass.7 The liver holds approxi-
mately 30% of the resting cardiac output at any one time and uses about 
20% of the oxygen in the body. The liver performs a variety of functions 
including synthesis and regulation of a variety of molecules, the inactivation 
of hormones and the storage of glucose as glycogen; it is also involved in 
lipid metabolism.

Hepatocytes, the parenchymal cells of the liver, perform most of the 
metabolic functions of the liver. They account for 90% of cell mass and 
60% of cell number in the liver.7 Although generally considered to be epi-
thelial cells, hepatocytes are not supported by a traditional basement mem-
brane; however, they do contact ECM proteins such as collagen, laminin 
and proteoglycans at their basal surface. Hepatocytes also have an immense 
capacity for regeneration. In response to partial hepatectomy or toxic 
injury, liver cells are quickly stimulated to divide to replace lost cell mass.7 
This restoration can take up to 6 months but, provided with the correct 
structural support, a liver could recover from acute liver failure within a 
much shorter period of time.

Given the accelerated recovery rate of damaged liver with external 
support structures and the shortage of organ donors, a number of thera-
peutic methods are being explored to assist in liver regeneration.4 One such 
method involves seeding isolated hepatocytes on to polymeric meshes. 
However, hepatocytes have high oxygen and nutrient requirements that 
cannot always be met by a TEC. Therefore, prevascularisation of the 
polymer scaffold is required to augment the supply of essential oxygen and 
nutrients. Furthermore, primary hepatocytes have been found to lose their 
differentiated function in 3–4 days and viability within 1 week when cul-
tured as monolayers.

To overcome the problems associated with culturing hepatocytes, novel 
bioreactors have been designed. These include features such as the intro-
duction of patient blood or plasma into the bioreactor, the use of a poly-
meric three-dimensional membrane or gel matrix to act as a cell microcarrier 
and also the supplementation of media with growth factors, hormones and 
ECM components.16 These adaptations offer promising methods for suc-
cessful liver regeneration.

Skin represents the body’s fi rst tissue-engineered organ to receive Food 
and Drug Administration (FDA) approval for clinical application.4 The skin 
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is a highly organised, complex structure that provides the boundary between 
vertebrates and their environment. As a barrier, the skin must be physically 
tough and yet must also be fl exible and elastic to permit free movement.7 
The barrier must also be impermeable to toxic substances and must prevent 
the loss of excessive water to the environment. Moreover, the skin regulates 
body temperature by secretion from sweat glands and by regulating blood 
fl ow through superfi cial capillaries.

Skin consists of two layers. Firstly, the epidermis consists primarily of 
keratinocytes, which are constantly proliferating and replacing themselves.7 
Also present in the epidermis are melanocytes, which distribute melanin to 
protect the epidermis against ultraviolet radiation. Secondly, the dermis, a 
deeper layer that is rich in connective tissue, provides a high tensile strength 
and fl exibility. It also supports the extensive vasculature, lymphatic system, 
nerve bundles and other structures in skin.7 It is relatively acellular, consist-
ing primarily of an ECM of interwoven collagen fi brils interspersed with 
elastic fi bres, proteoglycans and glycoproteins. Fibroblasts are the major 
cell type in the dermis and are responsible for producing and maintaining 
most of the ECM.

When skin is damaged, if the wound extends only partially through the 
dermis, the dermis is able to provide cells for its own reconstitution.4 
Furthermore, deep skin appendages such as hair follicles and sweat glands 
can provide sources of epidermal cells to recreate the dermis. However, if 
the wound extends throughout the dermis, such as full-thickness burns or 
skin ulcers, there are no sources of cells for regeneration. This has led to 
the development of tissue-engineered skin equivalents.

Tissue-engineered strategies have involved autogenous epidermal kera-
tinocytes seeded on a wound bed, bovine collagen-based skin replacement 
materials and bioengineered dermis using cell–polymer constructs.17 While 
matrix scaffolds have shown some improvement in scar morphology, no 
acellular matrix has yet been shown to lead to true dermal regeneration. 
In order to replicate skin successfully, a bilayered composite skin structure 
may be required to reproduce the synergistic behaviour of the epidermis 
and dermis.

1.3 The scaffold structure

Polymer matrices need to provide a number of key functions in order for 
them to be successful in tissue-engineering applications. To enable scaffold 
conduits to be successful in recruiting reparative cells in an organised 
manner, a number of key characteristics need to be achieved. Scaffolds 
ideally need to provide the following.

1 A biocompatible and biodegradable matrix with controllable degrada-
tion kinetics.
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2 Suitable surface chemistry for cell attachment, proliferation and 
differentiation.

3 An interconnected and permeable pore network to promote nutrient 
and waste exchange.

4 A three-dimensional and highly porous structure to support cell attach-
ment, proliferation and ECM production.

5 Appropriate mechanical properties to match those at the site of 
implantation.

6 An architecture which promotes formation of native anisotropic 
tissue.

7 A reproducible architecture of clinically relevant size and shape.9,18

Polymers can replace diseased organ function by acting as a cellular nucleus 
for tissue regeneration or as a source of molecular signals to control host 
cell growth and tissue regeneration.19 The formation of tissue produced by 
implanted cells is infl uenced greatly by the scaffold on to which they are 
seeded.3 The choice of polymer is therefore vitally important in determining 
the success of the TEC.

1.3.1 Polymeric scaffold materials

Natural polymers such as collagen and hyaluronic acid are widely used for 
organ regeneration since they facilitate cell attachment and growth.10,20 
Collagen is the most abundant protein in the body and can be prepared 
in solution or shaped into threads, sponges or hydrogels. Furthermore, 
although it is derived from xenogeneic sources, purifi cation techniques 
enable it to be used without eliciting a foreign body response. Bovine chon-
drocytes, which had been cultured in gels derived from collagen type I iso-
lated from rats, increased in density initially but, from day 6 onwards, they 
dedifferentiated into fi broblast-like cells.6

Alginate, a naturally derived polysaccharide typically purifi ed from 
seaweed, is a biocompatible polymer widely used in the food and chemical 
industry. In addition, it has more recently been developed as a cell trans-
plantation material for a variety of cell types, including chondrocytes.21 
Studies have shown that chondrocytes seeded on alginate gels decrease in 
initial cell density.22 However, chondrocytes typically retain their rounded 
morphology, an indication of the maintenance of chondrocyte phenotype.

Fibrin is also a commonly used natural polymer.10 It originates during 
blood coagulation and plays an important role in wound healing. Fibrin is 
typically used as a glue or a hydrogel, which can controllably deliver growth 
factors with heparin binding affi nity. Hyaluronic acid is also able to deliver 
biological agents.23,24 It binds specifi cally to proteins in the ECM and on the 
cell surface. Partial esterifi cation of hyaluronic acid stabilises the molecule 
and makes it suitable for controlled peptide release or protein delivery.6
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Chitosan is a biosynthetic polysaccharide that is the deacylated derivative 
of chitin.6 Chitin is a naturally occurring polysaccharide that can be gener-
ated via fungal fermentation processes. Chitin and chitosan can be degraded 
by lysozyme, which acts slowly to depolymerise the polysaccharide.25 The 
biodegradation rate of the polymer is determined by the amount of residual 
acetyl content, a parameter than can be varied easily. Chitosan can be 
formed into membranes and matrices that are well tolerated by the body 
and are useful in a number of tissue-engineering applications.

Although naturally occurring biomaterials closely simulate the native 
cellular milieu, there is often a large variation between batches upon isola-
tion from biological tissues as well as a restricted versatility in designing 
devices with specifi c biomechanical properties.4 Therefore, synthetic poly-
mers are more commonly used as they afford greater control over physico-
chemical properties and delivery kinetics of the scaffold.10

Early synthetic polymers were derived from adaptations of commodity 
plastics such as polyethylene, polyurethane and silicone rubbers.7 Such 
synthetic polymers have been successfully used in tissue engineering; 
however, they are not biodegradable and the non-resorbed polymer remains 
an integral part of the tissue. This is not inappropriate for the successful 
implantation of a tissue-engineered product and yet the benefi t of poly-
meric biomaterials that degrade to leave behind the biological component 
has been realised in the synthesis of bioerodible polymers.

Previously, synthetic bioerodible polymer scaffolds for cell seeding and 
tissue regeneration have focused on the poly(α-hydroxy acid) family of 
polymers such as poly(lactic acid) (PLA), poly(glycolic acid) (PGA), and 
the copolymer poly(lactic-co-glycolic acid) (PLGA).14,22,26–28 These materi-
als have the advantage of FDA approval and are currently used as biode-
gradable suture materials and drug delivery vehicles.26

PLA and PGA can be polymerised directly from lactic acid and glycolic 
acid, respectively, and the chemical structures are shown in Fig. 1.1.7 A ring-
opening polymerisation, typically catalysed by organometallic catalysts 
such as stannous octoate leads to polymerisation.29 PGA is a linear aliphatic 
polyester which is highly crystalline and has a high melting temperature 
and low solubility in organic solvents.6 Because of its relatively hydrophilic 
nature, surgical sutures made of PGA tend to lose their mechanical strength 
rapidly, typically over a period of 2–4 weeks post-implantation.30

The presence of an additional methyl group in lactic acid causes PLA to 
be more hydrophobic than PGA.31 The rate of backbone hydrolysis is 
therefore much lower and is also more soluble in organic solvents. 
Furthermore, lactic acid is a chiral molecule and therefore exists in two 
stereoisomeric forms, d-PLA and l-PLA as well as the racemic polymer, 
d,l-PLA.6 This enables products derived from lactic acid to exhibit a wide 
range of properties. d,l-PLA is an amorphous polymer and as such is 
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usually used in drug delivery applications where it is important to have a 
homogeneous dispersion of the active species within the monophasic 
matrix.32 On the other hand, l-PLA is crystalline and is preferred in appli-
cations where high mechanical strength and toughness are required such as 
sutures or orthopaedic devices.

In addition, copolymerisation approaches are used when the homopoly-
mer does not possess all the required physical and chemical properties alone 
for the intended application. Copolymers of PLA and PGA (PLGA) have 
been formed in an attempt to synthesise polymers with shorter absorption 
times than PLA and yet a tough amorphous nature.7 This has been success-
ful and the ability to tailor the absorption profi le of PLA and PGA has 
rendered the polymers desirable materials for tissue scaffold applications.

Both PLA and PGA have also been used in the past as tissue-engineering 
scaffolds and orthopaedic devices. Chondrocytes have been found to pro-
liferate and secrete GAG within porous PGA meshes and PLA foams.33,34 
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However, PLA and PGA induce infl ammatory responses when implanted 
in the body for over 12 weeks. This is due to the release of acidic degrada-
tion products such as lactic acid and glycolic acid.

Polycaprolactone (PCL) is another polymer that is currently used as a 
biodegradable tissue scaffold.6 PCL is an aliphatic polyester that can be 
degraded by a hydrolytic mechanism under physiological conditions.35,36 It 
can also be degraded by enzymatic surface erosion. Low-molecular-weight 
fragments of PCL are taken up by macrophages and degraded intracellu-
larly. PCL degrades signifi cantly more slowly than PLA or PGA owing to 
the long methylene backbone (Fig. 1.1) and is used as a long-term implant-
able contraceptive device, Capronor.36

PCL exhibits a low melting temperature of approximately 57  ºC and a 
low glass transition temperature Tg of −60  ºC, which renders it rubbery at 
room temperature.37 PCL therefore has a high permeability to a number of 
therapeutic drugs, which is useful. PCL also has a high thermal stability 
(Td = 350  ºC) compared with other polyesters (Td = 235–255  ºC), which 
enables it to be processed using a variety of routes.6 Currently, PCL is clas-
sifi ed as non-toxic and tissue compatible by the FDA but is not used exten-
sively as a biomaterial. However, its high propensity to form compatible 
blends with a variety of polymers and monomers may enhance its future 
biomaterial role.38–40

Polymeric hydrogels are often employed in tissue engineering, as they 
are less invasive than solid polymer constructs. Poly(ethylene glycol) (PEG) 
has formed the basis for the synthesis of a number of cross-linked hydro-
gels.7 By increasing the molecular weight of the PEG central segment, the 
swollen hydrogel can be varied from a rigid to a highly fl exible material. 
The identity of the bioabsorbable segment also dictates the bioabsorption 
times. The degradation rate can be varied from days to weeks to months, 
by the incorporation of glycolate, lactate or trimethylene carbonate, 
respectively.

Injectable polymers are also typically used, as they are able to fi ll irregu-
larly shaped defects and to minimise surgical intervention. Ideally, inject-
able polymers should polymerise in situ without a detrimental effect to 
the surrounding tissue such as an increase in temperature.41 One polymer, 
which has been employed in the past, is poly(propylene fumarate), an 
unsaturated linear polyester that has the appropriate mechanical properties 
and degrades to non-toxic by-products.

1.3.2 Scaffold morphology

The migration of individual cells within a tissue is critical in the formation 
of the appropriate architecture of organs.42 Likewise, cell migration is an 
important factor in tissue engineering because the ability of the cells to 
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move either in association with the polymer surface or other cells is an 
essential part of new tissue formation. Therefore, for cells attached to a 
solid substrate, cell behaviour and function depend on the characteristics 
of the substrate.

Polymeric matrices are designed to control and guide tissue regeneration 
to elicit specifi c cellular interactions and responses. They also serve as scaf-
folds to support cell transplantation. The goal of morphogenesis is to create 
an environment where cells are encouraged to form functional tissue struc-
tures.2 The surface chemical characteristics of an implanted device are 
known, therefore, to exert profound effects on cell attachment, alignment 
and proliferation.43

One of the greatest features of polymeric biomaterials is their scope for 
modifi cation.7 Properties of synthetic polymer scaffolds can be altered by 
varying the functional group, changing the polymer architecture using a 
linear, branched or comb-shaped polymer or modifying the polymer com-
bination by preparing a physical mixed polymer or a chemically bonded 
copolymer.4 This offers fi ne control over the behaviour of the scaffold when 
it is implanted in vivo in terms of cell–material interaction and scaffold 
degradation rate.

Most tissue-derived cells are anchorage dependent and require attach-
ment to a solid surface for viability and growth.6 For this reason, the initial 
events that occur when a cell approaches a surface are of fundamental 
interest. In tissue engineering, cell adhesion to a surface is critical because 
adhesion precedes other events such as cell spreading, migration and dif-
ferentiated cell function. Therefore, it is recognised that the behaviour of 
the adhesion and proliferation of different types of cell on polymer materi-
als depend on the surface characteristics such as wettability, chemistry, 
charge, roughness and rigidity.

It has been found that cell adhesion is maximised on surfaces with inter-
mediate wettability.44,45 This is because, for most surfaces, cell adhesion 
requires the presence of serum and because polymers with intermediate 
contact angle measurements provide an optimum condition for proteins 
such as fi bronectin to adsorb to the surface. As such, cell adhesion is maxi-
mised on surfaces with intermediate contact angle values. In the absence 
of serum, however, adhesion is enhanced on positively charged surfaces.46 
Fibroblast spreading has been correlated with surface free energy but the 
rate of fi broblast growth on polymer surfaces appears to be relatively 
independent of surface chemistry.6

The microscale texture or roughness of an implanted material can also 
have a signifi cant effect on the behaviour of cells in the region of the 
implant.6 The behaviour of cells cultured on surfaces with grooves or pat-
terns is different from the cellular behaviour observed on a smooth surface. 
Polydimethylsiloxane (PDMS) surfaces with 4 or 25  µm2 peaks uniformly 



 Introduction to polymeric scaffolds for tissue engineering 13

distributed on the surface have been found to provide better conditions for 
fi broblast growth than PDMS surfaces with 100  µm2 peaks or 4, 25 or 
100  µm2 valleys.47 The grooves or peaks act as anchorage points which the 
cells are able to attach to and to begin to spread and proliferate.

Polymer surfaces can be made more suitable for cell attachment and 
growth by surface modifi cation techniques. Polystyrene substrates typically 
used for tissue culture are often treated by glow discharge or exposure to 
sulphuric acid to increase the number of charged groups at the surface, 
which improves attachment and growth of many types of cell.48 The avail-
ability of specifi c chemical groups on the polymer surface such as hydroxyl 
groups –OH or surface C–O functionalities are also important factors in 
modulating the fate of surface-attached cells.49,50

Grafting hydrophilic monomers on to the polymeric substrate can change 
the surface properties of a polymer presented to a cell.7 Furthermore, graft-
ing results in improving the interfacial chemistry between the polymer and 
biological fl uid. The incorporation of poly(ethylene oxide) (PEO) on to a 
polymeric substrate creates a surface that is blood compatible by exerting 
a steric repulsion to proteins and cells that approach the surface. The 
motion of the PEO chains also creates microfl ows of water, which prevent 
plasma protein adsorption. Moreover, PEO signifi cantly decreases bacter-
ial adhesion through steric repulsion.

Adhesion-dependent cell types often exhibit increased longevity and 
increased cellular function when cultured on extracellular proteins, such as 
fi bronectin and laminin, rather than on virgin plastic ware.7,50 As such, it is 
useful to immobilise bioactive molecules or biomimetic species on to poly-
meric substrate surfaces. This can be achieved if a biomedical polymer pos-
sesses reactive functional groups, which enable the conjugation of bioactive 
species such as peptides, growth factors or enzymes.14 Covalent attachment 
of synthetic peptides to poly(ethylene terephthalate) and polytetrafl uoro-
ethylene has been found to promote cell adhesion, spreading and focal 
contact formation on otherwise non-adhesive or weakly adhesive polymers.6

However, a number of studies have shown that materials that promote 
good cell adhesion through appropriate surface chemistry and topography 
do not necessarily induce cell spreading and migration.6,51 Similarly, several 
groups have reported that the surfaces that display the best primary attach-
ment characteristics are not necessarily the substrates on which cell pro-
liferation or differentiation is improved.51,52 It can be seen, therefore, that 
cell–substrate interaction is a complex relationship.

1.3.3 Scaffold microstructure

A three-dimensional structure is vital for successful tissue engineering. 
Chondrocytes attached to fl at surfaces are able to spread but adopt a 
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fi broblast-like morphology, which is indicative of a change in phenotype 
and dedifferentiation.5 Dedifferentiated cells do not possess the correct 
mechanical properties and, furthermore, if cells do not express the true 
chondrocyte phenotype, their ability to regenerate damaged cartilage tissue 
is impaired. A porous three-dimensional scaffold is therefore required to 
optimise viable cell growth.

Pore morphology and porosity are important properties that need to be 
tailored to the type of tissue being regenerated.53 It has been found that 
precise geometric parameters are required for the successful regeneration 
of certain cells. Bony ingrowth predominates in porous structures with pore 
sizes of approximately 450  µm whereas connective tissue grows preferen-
tially in pores of 100  µm in size or less.43 Vascular infi ltration, however, 
ideally attaches and grows within pores of approximately 1000  µm. 
Structures consisting of macropores (150–300  µm) highly interconnected by 
micropores (less than 50  µm) have been found to be conducive to ingrowth 
of fi brocartilaginous tissue in polyurethane implants. Therefore, the implant 
porosity can allow limited tissue ingrowth for stabilisation of implants or 
provide pathways for tissue regeneration within a biodegradable scaffold 
or matrix.

The geometry of a scaffold can also impact on the competition between 
cell adhesion and proliferation, and maintenance of cell phenotypic mor-
phology. It has been found that, on porous polycarbonate (PC) membrane 
sheets with a small micropore diameter (0.2–1.0  µm), chondrocytes easily 
adhered, spread and assumed a fi broblast-like morphology.54 However, on 
PC membrane sheets with large micropores (3–8.0  µm), cells maintained 
the round morphology and were indicative of cells with articular cartilage 
phenotype.

A polymer scaffold must also provide a structure that can maintain the 
distance between parenchymal cells and permit the diffusion of gas and 
nutrients. Ideally, the scaffold should allow a supply of nutrients to the cells 
that matches the removal of their waste products.55 The success of the 
approach is also dependent on whether the mass transport between the 
engineered and surrounding host tissues is suffi cient to meet the metabolic 
requirements of the engineered tissue.21 Diffusion is suffi cient for this 
purpose when a small number of cells are transplanted on or within the 
polymeric device or if the metabolic needs of the transplanted cells are very 
low, such as chondrocyte transplantation.

Furthermore, in order for a tissue to regenerate, a scaffold, needs to 
create potential space for the cells to grow into. A scaffold, therefore, needs 
to be a porous structure that enables the ingress of cells into the synthetic 
support to occur. The scaffold also needs to acts as a vehicle to deliver iso-
lated cells such as chondrocytes or chondroprogenitor cells to voids created 
by the removal of dysfunctional tissue.56 As such, the scaffold initially acts 
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as a spacer between damaged ends of cartilage or bone. As the cells prolif-
erate and are able to provide their own structural integrity, the scaffold 
degrades to create more space for the tissue to develop in to.

1.3.4 Mechanical properties of scaffolds

Initially, polymeric scaffolds need to provide structural integrity. This is 
because, at the outset, the volume of cells and intercellular material is likely 
to be considerably less than that in mature tissue. As such, a temporary 
synthetic support is required to withstand the dynamic in vivo stresses that 
occur whilst the tissue is regenerating. It is therefore desirable to match the 
mechanical properties of the material with that of the native tissue.

The mechanical properties of the scaffold are imperative for the success 
of a scaffold in its intended application. Strength is the primary concern in 
applications such as bone regeneration, whereas pliability is an important 
consideration when tubular constructs are required for intestine and blood 
vessel use. Flexibility is also a parameter that can affect the suitability of a 
scaffold when it is required for skin regeneration, as the polymer matrix 
needs to be able to adapt to different contours.

The mechanical environment has been found to affect profoundly the 
development, maintenance and remodelling of tissue in vivo. Therefore, 
mechanical stimulation may be an important determinant of the quality of 
engineered tissue grown in vitro. Typically four different types of mechani-
cal stimulies are presented to cells in vivo. Mechanocoupling is the conver-
sion of an applied physical force to secondary forces or physical phenomena 
detected by the cells.7 In bone, the application of a primary force has been 
found to result in deformation of the bone, which in turn deforms bone 
cells and elicits pressure gradients and interstitial fl uid fl ow. The interstitial 
fl uid fl ow applies mechanical shear stress to osteoblasts and osteocytes, 
which promotes osteogenesis.

The second type of mechanical stimulation is mechanotransduction.7 This 
is the conversion of either primary or secondary physical stimulus into an 
electrical, chemical or biochemical response and typically occurs in mechan-
ically activated ion channels and receptors.7 Owing to the avascular, alym-
phatic and aneural nature of cartilage, changes in chondrocyte activity are 
believed to occur by transduction of mechanical events to metabolic events 
and structural adaptations.1 As such, mechanical loading or stirring of 
chondrocytes grown in vitro has been found to induce cells to assemble a 
matrix that is structurally similar to native cartilage.

Signal transduction is a similar type of stimulus to mechanotransduction 
but involves the conversion of one biochemical signal to another.7 The 
fourth stimulus is fi nal cellular response, which completes the conversion 
from initial stimulus to fi nal tissue level response.7 The activation of signal 
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transduction pathways regulates cellular activities such as protein synthesis 
and gene expression, leading to a response on the tissue level.7 Therefore, 
by modifying the mechanical or biochemical environment, the development 
of engineered tissue can be controlled.

The effects of dynamic compression on chondrocyte biosynthesis have 
been well characterised in cartilage explants and chondrocyte-seeded scaf-
folds. In explants continuously applied with dynamic compression and 
dynamic tissue shear, an increase in the synthesis of proteins and proteo-
glycans was found.56 Intermittent compressive loading increased proteogly-
can synthesis during short-term loading and increased material properties 
and GAG contents.7 Loading has been found to enhance the long-term 
deposition of ECM in cell-seeded constructs during in vitro culture. As such, 
a conduit, which can transmit mechanical forces to the cells during tissue 
regeneration, would improve engineered tissue functionality.

Bone actively remodels in response to mechanical loading, increasing 
density and strength in areas exposed to stress whilst losing density in 
unstimulated regions.7 It is also well documented that bone mass is rapidly 
lost under conditions of diminished mechanical loading. Furthermore, a 
more rapid and complete differentiation of osteoblasts cells cultured in a 
mechanically active environment has been found compared with culturing 
in a stationary setting.7 Therefore, the mechanical environment is a key 
determinant of bone development.

In vivo arteries are cyclically stretched by the fl uctuating blood pressure 
associated with the cardiac cycle.7 Therefore, it would be desirable if the 
developing bioartifi cial blood vessel was exposed to a similar cyclic strain 
to preserve the contractile phenotype and also to align the smooth muscle 
cells in the correct orientation in the vessel wall.

1.3.5 Biodegradation kinetics of scaffolds

The macromolecular structure of the polymer is selected so that the scaffold 
is completely degraded and eliminated as need for the artifi cial support 
diminishes.53 The degradation rate of the polymer scaffold needs to be tai-
lored to suit the intended application of the synthetic structure.28,57 It is 
desirable that the polymer is degradable so that potential long-term biologi-
cal reactions to the polymer are eliminated. Furthermore, biodegradable 
polymers may provide an additional benefi t to tissue-engineering applica-
tions.6 During polymer degradation, the surface of the polymer is constantly 
renewed, thereby providing a dynamic substrate for cell attachment and 
growth.

Biodegradable implants degrade by hydrolysis and/or enzymatic action, 
forming tissue-compatible metabolites that can be used in the carbohydrate 
or protein metabolism.27,28 Eventually, generated breakdown products such 
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as water and carbon dioxide (CO2) will be excreted in urine or faeces or 
exhaled. During degradation, the implant will lose its strength gradually 
and the load on the regenerating tissue will gradually shift from implant to 
tissue.

Typically, the ester bonds of poly(hydroxy acids) are cleaved by hydro-
lysis, which results in a decrease in the polymer’s molecular weight.58 This 
initial degradation occurs until the molecular weight is less than 5000, at 
which point cellular degradation ensues. The fi nal degradation and resorp-
tion of the poly(hydroxy acid) implants involve infl ammatory cells such as 
macrophages and lymphocytes.

It has been asserted that the rate of degradation is governed by water 
access to the ester bond rather than by the intrinsic rate of ester cleavage. 
The access of water to the ester bond is determined by the combined effect 
of a number of polymer characteristics. These include the glass transition 
temperature of the polymer, the degree of crystallinity, the molecular weight, 
the hydrophobicity of the monomer and the bulk sample dimensions.59,60

PGA is an attractive biodegradable support owing to its relatively fast 
rate of biodegradation, which frees up the space for the ECM and mini-
mises the host infl ammatory response.1 However, PGA does exhibit rela-
tively low strength, making it impractical for immediate transplantation. 
PLA is a stronger material but, because of the extra methyl group in the 
main chain, PLA degrades more slowly. This causes the implant to reside 
in the wound site for longer and the void is fi lled with cartilaginous matrix 
much more slowly. The longer residence time can result in the eliciting of 
a more severe immune response.19

1.3.6 Biocompatibility of scaffolds

The host response to the biomaterial can impact on the immune response 
towards transplanted cells. The implantation of a biomaterial without 
transplanted cells initiates a sequence of events similar to a foreign body 
response.19 Cellular mechanisms are activated to produce infl ammation and 
healing mechanisms upon implantation. The extent of the pathphysiologi-
cal response is a measure of the host reaction to the implant.60 The size, 
shape and physical properties of the biomaterial have been found to be 
responsible for the intensity and duration of the infl ammatory and wound-
healing process.19

The sequence of local events following implantation is generally consid-
ered as the tissue response continuum with each individual event leading 
into the next event. Typically, injury or implantation leads to acute infl am-
mation, which proceeds to chronic infl ammation.60 This is followed by 
granulation tissue formation, then foreign body reaction and fi nally fi brous 
encapsulation.
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The tissue response to an implanted polymer is usually characterised as 
occurring in three phases. The fi rst phase (phase I) occurs within the fi rst 
2 weeks following implantation and includes the initiation, resolution 
and organisation of the acute and chronic infl ammatory response.60 This 
response is generally similar, regardless of the degradation rate of the bio-
erodible polymer. Within days, monocytes (infl ammatory cells) predomi-
nate the implantation site and differentiate into macrophages.

The second phase (phase II) is initiated by the predominance of mono-
cytes and macrophages. While the components of the second phase are 
similar, the duration of their persistence is determined by the degradation 
rate of the implant. It has been observed that poly(d,l-lactide-co-glycolide) 
have a 50–60 day phase II response,61 whereas the more slowly degrading 
poly(d,l-lactide) has a phase II response of the order of 350–400 days. The 
degradation rate of the polymer is therefore important and, as the implant 
degrades, the polymer begins to undergo macrophage phagocytosis and 
complete degradation.

It has been proposed that the biodegradation process of the scaffold 
material may modulate the intensity of the tissue response.19 As biodegra-
dation proceeds, shape, porosity and surface roughness changes ensue; 
there is a release of polymeric oligomer and monomer degradation prod-
ucts and a formation of particulates. It is the extent and duration of this 
deviation from the optimal wound-healing condition that determines the 
biocompatibility of the scaffold material.

As the immune response continues, monocytes migrating into the site of 
implant differentiate into macrophages, which can coalesce and form 
foreign body giant cells. These are typically present at the tissue–implant 
interface. As the tissue response moves into the third phase (phase III), the 
resident macrophages accelerate the degradation process and the fi brous 
capsule formed in phase II is also enhanced. More cells begin to migrate 
into the volume generated by the loss of the implant volume and neovas-
cularisation proceeds.

In order to minimise the foreign body response, precautions can be 
taken. Autologous cells do not elicit an immune response and they provide 
active repair process to the joint.5 As such, donor cells can be incorporated 
into the scaffold to minimise the risk of infl ammation and rejection. 
Implanted PLGA scaffolds have been found to elicit a moderate, acute and 
chronic infl ammatory response after 14 days’ implantation.62 Unorganised 
connective tissue with macrophages and foreign body giant cells are seen 
to surround the implant. However, scaffolds impregnated with osteoblasts 
exhibited no apparent tissue necrosis or infl ammatory response up to 8 
weeks post-implantation.

The chosen scaffold must also be selected to integrate easily with the 
adjacent tissue and to favour new tissue ingrowth such as osteoconduction 
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but to reduce the incidence of a foreign body response.10 Implanted PLA 
and PGA solid rods for femoral shaft fracture fi xation have been found to 
elicit a severe foreign body response accompanied by an infl ammatory 
reaction.27 It is believed that the large volume of material implanted into 
the wound site and the absence of autologous cells incorporated into the 
implant contributed to the invasion of multinuclear cells and thick fi brous 
tissue formation.

It is imperative to minimise the premature loss of implanted cells because 
of ischaemia and apoptosis by the host, as this is detrimental to the success 
of the implanted device.19 Therefore, the addition of growth factors that 
induce ingrowth of host vessels, use of autologous host cells and polymers 
with a rapid and yet controllable degradation rates are benefi cial to suc-
cessful tissue engineering.

1.3.7 Scaffold design

The scaffold is designed to mimic the body’s own ECM. It provides a 
porous biocompatible network into which the surrounding tissue is induced 
and acts as a temporary template for the new tissue’s growth and reorgani-
sation.53 Typical scaffold designs have included meshes, fi bres, sponges 
and foams. These designs are chosen because they promote uniform cell 
distribution, diffusion of nutrients and the growth of organised cell 
communities.63

To obtain bone cell colonisation and bone tissue formation throughout 
the entire scaffold, a construct with a morphology similar to that of trabecu-
lar bone has been found to be necessary. The successful polymer matrix 
exhibited a high degree of interconnectivity with an open-pore structure.64 
Interconnectivity is imperative because it enables cells to diffuse through 
the entire network instead of accumulating at the surface of the 
scaffold.53

Fibrous conduits are commonly used as tissue scaffolds because most 
types of cell are known to orientate and move rapidly along fi bres.55 This 
phenomenon is called contact guidance and involves cells spanning fi bres 
forming a sail structure. Cells are therefore able to use the fi bres as a tem-
plate to form a three-dimensional structure. Fibroblasts have also been 
found to orientate on grooved surfaces with texture dimensions of 1–8  µm.65 
PGA meshes with fi bre diameters comparable with chondrocyte dimen-
sions have also been found to minimise the focal points for cell adhesion 
and thus to prevent cell fl attening.12

Fibre meshes and foams are typical scaffold designs because they create 
three-dimensional environments for cell proliferation and function and 
provide structural supports for tissue regeneration. When cultured on 
three-dimensional PGA fi bre meshes, chondrocytes proliferated, producing 
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GAG and collagen and forming structures that were histologically similar 
to cartilage.66 The physical dimensions of the polymer fi bre infl uenced 
growth rate, with slower growth in thicker meshes.67 Highly porous struc-
tures (97%) have also been seen to provide a suitable three-dimensional 
structure that can be uniformly seeded with chondrocytes at high initial 
densities.12 This enables the establishment of cell–cell contacts, which are 
essential in the initiation of chondrogenesis and cartilage tissue 
development.

1.4 Fabrication techniques for tissue scaffolds

A number of fabrication techniques are currently employed to manufacture 
tissue scaffolds. These include fi bre extrusion and bonding, template syn-
thesis, use of gases and solvents as porogens, solvent casting, particulate 
leaching, membrane lamination, melt moulding, temperature-induced 
phase separation and rapid prototyping.9,68,69

Previously, fi bres have been used for cell transplantation in the form of 
tassels or felts.70 However, these constructs are not structurally stable. To 
overcome this, fi bre bonding has been employed to join fi bres physically in 
a stable structure without changing the chemical composition or shape of 
the fi bres.7 Typically, PLA is dissolved in methylene chloride and cast over 
a non-woven mesh of PGA fi bres.6 After the solvent is evaporated, the 
construct is heated above the melting temperature of PGA to weld the 
fi bres at their cross-points. The PLGA can then be selectively removed by 
dissolution in methylene chloride. However, ideally, polymeric scaffolds 
should deliver angiogenic factors directly from the polymer matrices to the 
transplanted cells.21 However, a processing technique such as fi bre bonding 
involves high temperatures and organic solvents, which would be expected 
to damage the active biological agents.

Fibre bonding also does not allow the manufacture of scaffolds with a 
defi ned pore size and surface-area-to-volume ratio.7 Solvent casting and 
particulate leaching, however, does afford a level of control over the micro-
structure of the scaffold. A matrix is created by casting a polymer solution 
over water-soluble particles such as NaCl salt, the solvent is evaporated and 
the salt is leached out, yielding a porous scaffold.71 Salt particles of a defi ned 
size can be utilised to achieve a highly porous structure with interconnected 
pores of a controlled pore size.7 However, the interconnectivity between 
the pores is low and diffi cult to control and the pore walls often have an 
uncontrollable morphology.71 Furthermore, the solvent required is often 
organic and can leave toxic residues within the polymeric scaffold.

The chemical and thermal environment that the polymer and biological 
ingredients are exposed to during processing can drastically decrease the 
activity of such molecules. As such, supercritical CO2 is currently being 
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employed as a non-toxic low-temperature solvent–porogen.69,72,73 Polymer 
discs or pellets are exposed to high-pressure gas to saturate the polymer. 
The gas pressure is subsequently reduced, causing nucleation and formation 
of pores in the polymer matrix from the CO2 gas. However, the matrices 
often have a closed-cell morphology and an inhomogeneous distribution of 
cell sizes. As such, a combination of particulate leaching and supercritical 
foaming has recently been used to produce an interconnected open-pore 
structure.73

Melt moulding also does not utilise organic solvents or high temperatures 
and is therefore suitable for the incorporation of bioactive molecules for 
drug delivery applications.7 Melt moulding involves loading a Tefl on mould 
with a mixture of PLGA powder and gelatin microspheres of a certain 
diameter range. The Tefl on mould is heated above the Tg of PLGA and 
pressure is applied to bond it together. The construct is subsequently cooled 
and the gelatin is leached out by immersion in water. Varying the amount 
of gelatin added can control the porosity of the construct, and the geometry 
of the scaffold can be altered by changing the mould dimensions.6 The pore 
size of the TEC also correlates to the size of the gelatin microspheres 
incorporated into the composite. However, the distribution of pores is not 
easily controlled.

Rapid prototyping, however, is a mechanical processing technique that 
allows highly complex but reproducible structures to be constructed one 
layer at a time via computer-aided design (CAD) models and computer-
controlled tooling processes (computer-aided manufacture). These include 
stereolithography, selective laser sintering, ballistic particle manufacture 
and three-dimensional printing.7 These processes enable the production of 
intricate three-dimensional shapes, which can be made by layering with a 
resolution down to 300  µm. The automated aspect of the fabrication method 
also makes them desirable, as it is possible to produce three-dimensional 
shapes that emulate tissue in a repeatable manner.6

Fused-deposition modelling (FDM) uses rollers to feed a preformed fi bre 
through a heated nozzle on to a computer-controlled table.18 Previously, 
FDM has utilised PCL but the processing route requires preformed fi bres 
with specifi c dimensions and material properties. FDM therefore has quite 
a narrow processing window, which could restrict its future use. As such, 
there is not a single type of processing route that is ideal for scaffold pro-
duction. The chosen fabrication method depends on TEC requirements in 
terms of both the cellular behaviour and the chosen polymeric material.

1.5 Supercritical fl uid processing

A novel technique, which has been developed as an alternative to conven-
tional manufacturing routes, is supercritical fl uid (SCF) processing. An SCF 
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is described as any substance, the temperature and pressure of which are 
higher than their critical values, and which has a density close to or higher 
than its critical density.74,75 As can be seen in Fig. 1.2, SCFs combine liquid 
and gas properties to create a unique solvent. SCFs have liquid-like densi-
ties, which allows for solvent power of orders of magnitude higher than 
gases, while gas-like viscosities lead to higher rate of diffusion.76,77 In addi-
tion, SCFs are highly compressible and the density and solvent properties 
can be tuned over a wide range by varying the pressure.72

The use of SCFs is particularly important when the effective viscosity of 
the bulk polymer is high. This is because it has been shown that high viscos-
ity is a major obstacle to conventional processing of high-molecular-weight 
polymers.78 Usually this can be rectifi ed by raising the processing tempera-
ture; however, this can be costly as it requires high energy consumption and 
may lead to thermal degradation. SCFs are therefore employed to plasticize 
the polymer effectively. The SCF acts as a solvent, which reduces the 
chain–chain interactions and increases the interchain distance, thereby 
acting as a molecular lubricant.79

Because of their unique characteristics, a potential application for SCF 
solvents is as a medium from which to nucleate solid materials and this was 
presented by Hannay and Hogarth80 as early as 1879. They proposed that 
a solid with no measurable gaseous pressure can be dissolved in a gas but, 
when the solid is precipitated by suddenly reducing the pressure, it is crys-
talline. In addition, they stated that the solid can be brought down as a snow 
or as a frost, which is thought to refer to the different morphologies and 
size distribution that ensue because of changes in the rate of pressure 
release.
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This concept has been recently developed to produce microcellular poly-
mers from SCFs.72,81 Supercritical carbon dioxide (scCO2) is commonly used 
as a foaming agent for non-reactive processing of polymeric foams, which 
can subsequently be used as tissue scaffolds in medical applications. Goel 
and Beckman76 have developed an approach whereby a polymer is satu-
rated with scCO2 at moderately elevated temperatures followed by rapid 
depressurisation at constant temperature.76 As the gas diffuses into the 
polymer matrix, a polymer–gas solution is formed. The pressures and tem-
peratures needed to dissolve a polymer in scCO2 depend on the intermo-
lecular forces between solvent–solvent, solvent–polymer segment, and 
polymer segment–segment pairs in solution, and on the free volume differ-
ence between the polymer and CO2.72

Carbon dioxide has a low dielectric constant (1.01–1.67) and its polaris-
ability (27.6 × 10−25  cm3) is close to that of gases such as methane and is 
therefore classifi ed as a weak solvent.72 Owing to the structural symmetry, 
CO2 does not have a dipole moment, but it does have a substantial quad-
rupole moment that operates over a much shorter distance scale than 
dipolar interactions.77 CO2 is a dense solvent at modest temperatures and 
pressures and under these conditions the quadrupolar interactions are mag-
nifi ed. However, the dipolar interactions still outweigh the quadrupolar 
interactions, which means that CO2 is a weak solvent for non-polar poly-
mers. Despite this, Kazarian79 has shown that CO2 can participate in Lewis 
acid–base type of interactions with polymers containing electron-donating 
groups such as carbonyls as seen in Fig. 1.3.

Interactions between CO2 and polymer functional groups such as car-
bonyl groups reduce chain–chain interactions and increase the mobility of 
polymer segments.79 This chain motion has been observed when poly(methyl 
methacrylate) (PMMA) is heated to 40  ºC and subjected to CO2 at a pres-
sure of 100 bar.75 In the absence of CO2, mobility of the ester group is only 
observed when PMMA is heated above its Tg (105  ºC). This demonstrates 

O C C C C C C *

OH

H

H

H

H

H

H

H

H

H

*

C

O

O

1.3 Lewis acid–base type of interaction between CO2 and the polymer 
functional group.



24 Biomedical polymers

how scCO2 mimics the effect of heating the polymer and enables glassy 
polymers to be processed at much lower temperatures.

The next processing stage is when the polymer–gas solution is subject 
to a thermodynamic instability to nucleate microcells. This is based on 
the classic theory of nucleation as described by Zeldovich in 1943.76,81,82 
Nucleation is achieved by lowering the solubility of the solution by control-
ling the temperature and/or pressure. The system will then seek a state of 
lower free energy, which results in the clustering of gas molecules in the 
form of cell nuclei. The formation of cell nuclei provides a relatively small 
mean free distance for the gas molecules in solution to diffuse through 
before reaching a cell nucleus. As the gas diffuses into the cells, the free 
energy of the system is lowered. The cell nucleation process is very impor-
tant as it governs the cell morphology of the material and, to a large extent, 
the properties of the tissue scaffold.

One way of inducing pore formation and growth is by supersaturation, 
which is caused by a sudden pressure drop from the equilibrium solution 
state. Quick reduction in the pressure at a constant temperature both gener-
ates the pores and drives the system towards vitrifi cation, freezing in the 
microstructure. Consequently, as the pressure is suddenly reduced from the 
equilibrium state, thermodynamic fl uctuations give rise to clusters of gas 
molecules and these clusters grow or decay depending upon whether their 
size is greater or less than the critical size.82 The critical cluster is one for 
which the free energy of the cluster formation is a maximum. This phenom-
enon of the appearance of supercritical clusters is known as nucleation.

Nucleation is a rate process and the nuclei grow by diffusion of the gas 
from the polymer matrix. The process continues until the pressure is reduced 
to a point where the polymer solidifi es, trapping the microcellular structure. 
The more rapidly the pressure drops, the greater is the number of cells that 
would be nucleated because a greater thermodynamic instability would be 
induced. It is therefore possible to maintain specifi c melt temperature pro-
fi les, melt pressure profi les and vent times to produce a foam with the 
desired microstructure.

Once the cells have nucleated, they continue to grow as available gas 
diffuses into the cells. The cells grow and reduce the total polymer density 
as the gas molecules diffuse into the nucleated cells from the polymer 
matrix. As the CO2 diffuses from the polymer–gas mixture, the polymer 
begins to crystallise because of the reduced diluent concentration in the 
matrix. Thus, growth of the nuclei continues until suffi cient gas has left the 
sample to crystallise the polymer, then the pore growth due to gas expan-
sion will be curtailed. It has been observed that the foam structure only 
appears at the end of the reaction when the pressure has dropped to below 
65 bar.83 The mechanism for the formation of pores in polymer foams is 
therefore solely due to the pressure quenching.
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SCF foaming of polymers can be performed on both amorphous and 
semicrystalline polymers. The mechanism for production of glassy poly-
meric foams using scCO2 is fairly well understood. It is assumed that 
polymer segments remain relatively immobile below their glass transition 
temperature Tg, under normal conditions.84–86 However, when scCO2 is 
introduced, the Tg value of the amorphous polymer is reduced and this is 
usually called plasticisation.79 Plasticisation occurs when CO2 molecules 
penetrate the polymer matrix and interact with the basic sites on the 
polymer molecule. These sites are typically functional groups such as car-
bonyl groups and result in reduced chain–chain interactions and an increase 
in mobility of polymer segments. This enables processing to be carried out 
at lower temperatures but, when CO2 diffuses out of the polymer–gas 
mixture, the Tg value of the polymer rises again because of reduced solvent 
concentration in the system.87 At this point the polymer vitrifi es and the 
microstructure is frozen into the polymer.

Processing of semicrystalline polymers using scCO2 is less well docu-
mented. It is assumed that the melting point of semicrystalline polymers is 
depressed by the addition of high-pressure gases such as scCO2.88 This is a 
similar concept to the plasticisation of glassy polymers and scCO2 is thought 
to penetrate preferentially the amorphous phase of semicrystalline poly-
mers because of the increased gas dissolution.21,89 This plasticisation of the 
amorphous region increases the mobility of the polymer chains and enables 
them to rearrange into a more ordered confi guration. This induces crystal-
lisation and concomitant changes in morphology. It is therefore believed 
that SCF technology provides the ability to control polymeric foam char-
acteristics such as pore size and degree of crystallinity to produce a tissue 
scaffold with the appropriate properties for tissue regeneration.

1.6 Future trends

Owing to the stringent requirements of tissue engineering, a number of key 
characteristics need to be met by the polymer. The chosen polymer must 
provide a biocompatible and biodegradable matrix with interconnected 
pores to ensure that the body tolerates the conduit and also promotes 
nutrient and cellular diffusion. Furthermore, the scaffold initially needs 
to provide mechanical stability and to act as a template to guide three-
dimensional tissue growth. As such, the scaffold must possess a desirable 
surface chemistry to enhance cell attachment and growth, as well as a suit-
able architecture to recruit reparative cells in an organised manner. 
Consequently, there are a number of challenges that need to be addressed 
as tissue engineering advances.

Integration of biomaterials within the body has been a long-standing 
problem in medicine. If there is a lack of integration, the function and 



26 Biomedical polymers

longevity of the implant will suffer. In order to overcome the problems 
associated with rejection of polymeric implants, prevascularisation has 
been investigated. During recent development of a bioartifi cial pancreas, 
prevascularisation was believed to improve the supply of nutrients and 
oxygen to islets.90 There was also no observation of a foreign body response. 
Further work is required to confi rm the effi cacy of this approach but the 
initial fi ndings are promising.

Scaffolds provide the temporary structural framework for tissue-forming 
cells and, consequently, need to provide a suitable architecture to the cells 
to promote three-dimensional growth. Recent advances in processing tech-
niques such as electrospinning and tissue printing offer promise for cell-
based regeneration therapies that are repeatable and robust.91 In addition, 
advances in computerised design packages will offer greater control and 
repeatability over processing, which will be benefi cial to tissue engineering. 
Nanotechnology and microfabrication also show much promise for well-
controlled processing on the microlevel and nanolevel.92

Another important characteristic of polymer scaffolds is surface chemis-
try. The scaffold must present a surface to the cell that will promote tissue 
regeneration. Intelligent biomaterials that encourage cohesive integration 
of cells with the implant have been proposed. Work is being carried out 
on chemical modifi cation of polymer surfaces such as grafting PEO seg-
ments on to existing polymer surfaces, which has enhanced protein adsorp-
tion.92 The inclusion of ionisable side groups have also been found to 
respond to changes in pH and these polymers are termed environmentally 
responsive biomaterials. This is an exciting area of research that should 
enhance cell adhesion and improve the success of tissue regeneration. 
Furthermore, the ability to attract endogenous stem cells by using trophic 
and growth factors tagged to the scaffold or repair site is another possibility. 
By manipulating the natural regenerative capacities of the host by addition 
of growth or guidance factors, reconstruction can be enhanced.93 Work is 
evolving rapidly on this concept and will greatly improve the success of 
TECs.

Repair to damaged neural cells is a specifi c medical area that presents a 
challenge to the fi eld of issue engineering. Neural cells are cells with a 
complex architecture, which rely on their intrinsic genetic programme, the 
extracellular environment and integration with synaptic connections to 
function correctly.93 A strategy that has been devised to deliver neural cells 
to a local site of action is to encapsulate cells in a polymeric vehicle to 
protect their genetic integrity. However, this requires effective immunoiso-
lation of the tissue that is to be transplanted, in addition to an appropriate 
polymer that will allow protection but also delivery and growth of the cells. 
This can prove problematic and encapsulation does not always enable inte-
gration with the host synaptic connections. A further limitation of 
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neural cell regeneration is geometric constraints that may restrict intra-
cerebral implants for more localised delivery of a neuroactive factor. As 
such, additional research is required to optimise neuroactive component 
polymeric delivery systems.93

Enhanced knowledge of stem cells and widespread suffering from arthri-
tis have provided the driving force for investigation into stem-cell-based 
composite tissue constructs.92 Mesenchymal stems cells have the ability to 
differentiate into multiple tissue-forming cell linkages such as osteoblasts 
and chondrocytes and have instigated recent work on stem-cell-based in 
vivo reconstruction of multiple tissue constructs such as fi bro-osseous grafts. 
This has begun to offer clues to the replacement of complex anatomical 
linkages such as synovial joint condoyle. However, when developing a 
composite osteochondral construct for bone and cartilage, there are con-
trasting needs that present problems when choosing the scaffold material. 
The opposing requirements for a multicomponent polymeric system, which 
is intended to be composed of bone and cartilage, is an area that is impor-
tant to resolve as tissue engineering advances into joint replacement.
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2
Introduction to polymeric drug 

delivery systems

K HARRISON, GlaxoSmithKline R&D Ltd, UK

2.1 Introduction: controlled drug release

Polymeric delivery systems are mainly used to achieve either temporal or 
spatial control of drug delivery.1 Essentially, polymeric vehicles enable 
drugs to be delivered over an extended period of time and to the local site 
of action. They are designed to enhance drug safety and effi cacy, and to 
improve patient compliance. The use of polymers is designed to maintain 
therapeutic levels of the drug, to reduce the side-effect profi le, to decrease 
the amount of drug molecule and the dosage frequency, and to facilitate 
the delivery of drugs with short in vivo half-lives.2

Controlled-release drug delivery systems function by enabling the drug 
molecule’s inherent kinetic properties to be manipulated by the property 
of the polymeric vehicle.3 Controlled-release devices allow potent drugs 
with short half-lives to be administered with minimal fl uctuations over an 
extended period of time and with a potentially lower incidence of toxicity.4 
Ultimately, sustained-action dosage forms improve therapeutic manage-
ment through assuring a uniform plasma concentration of drug at a steady 
state. Ideally, the device should offer slow fi rst-order or slow zero-order 
absorption of the drug from the gastrointestinal tract.

If the blood drug level profi les of sustained-release dosage forms 
are compared with the administration of conventional and controlled 
dosage forms, the profi les in Fig 2.1 are obtained. The conventional 
tablet or capsule provides a single and transient burst of drug. Further-
more, a pharmacological response is only observed if the amount of 
drug is above the minimum effective concentration.3 Sustained-release 
formulations reduce the burst effect but the plasma concentrations are 
not maintained for as long as controlled-release systems and gradually 
begin to deplete. Controlled-release systems, however, reduce fl uctua-
tions in plasma drug levels by slowing down the absorption rate owing to 
a slower drug release rate and result in an effective pharmacological 
response.
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An understanding of the drug and polymer characteristics is essential to 
the success of the drug delivery device. By altering the properties of the 
polymer, the release rate of the drug can also be controlled. In addition, 
the environment in which the device is to function impacts on the choice 
of polymer, drug and device design. A multifaceted approach is therefore 
crucial for successful drug delivery from polymeric systems.

2.1.1 Conventional fi lm coatings

Conventional dosage forms are typically drug dispersed through soluble 
excipients. The drug is rapidly liberated from its dosage form and quickly 
builds up to a high concentration.5 The concentration falls exponentially 
until the next dose is administered. Consequently, there is an undulating 
concentration pattern of the drug in the plasma and tissue and the optimal 
therapeutic level is only present briefl y. Conventional dosage forms, unlike 
controlled-release systems, do not control the rate of drug release.6

A conventional fi lm coating is utilised to improve product appearance, 
to improve handling and to prevent dusting.7 In addition, a fi lm coating is 
used to mask unpleasant taste and odour and to improve product stability.8 
However, fi lm coats are not typically applied to modify the drug-release 
characteristics. This can often cause conventional dosage forms to exhibit 
fl uctuating drug levels, insuffi cient infl uence on the mechanism of the 
disease and inconvenient dosing regimens.5

Typically, cellulose derivatives are chosen to act as fi lm coats, with the 
most common polymer being hydroxypropyl methylcellulose (HPMC). 
HPMC provides aqueously soluble fi lms which can also be coloured by the 
use of pigments. It also affords easy processing because of its non-tacky 
nature. However, HPMC has a very high tensile strength and a very low 
elongation value.8 Consequently, a large force can be applied to the fi lm 
before it breaks, but the fi lm lengthens only a small amount before the 
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2.1 Plasma drug concentration profi les for conventional tablet, 
sustained-release and zero-order controlled-release formulations.
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break occurs. This can present problems if the fi lm is required to coat dif-
fi cult tablet cores such as vitamins and monogrammed tablets.

In order to modify the characteristics of the polymer, plasticisers are 
added to improve fl exibility.8 HPMC can also be blended with hydroxypro-
pylcellulose, which has a lower tensile strength and much higher elongation 
value. A blend of the two grades can eliminate the bridging observed in 
monogrammed tablets, improve fi lm adherence to tablet substrates and also 
reduce the incidence of cracking at tablet edges.8 A conventional coat, 
however, will not control the rate of drug release from the core.

2.1.2 Functional polymers

Functional polymers are designed to modify the pharmaceutical function 
of the dosage form and to control the release of the active ingredient.7 The 
majority of controlled-release dosage forms can be categorised as matrix, 
reservoir or osmotic systems.9 In matrix systems, the drug is embedded in 
the polymer matrix and release takes place by partitioning of the drug into 
the matrix and the release medium.10 It may be characterised as a mass 
transport phenomenon. In contrast, reservoir systems have a drug core 
surrounded by a rate-controlling membrane such as enterically coated 
products and implants. Factors such as pH and presence of food affect the 
drug release rate from reservoir devices. An increase in hydrostatic pres-
sure drives osmotic devices, forcing the drug solution or suspension out of 
the device through a small delivery port.11 Drug release is independent of 
pH and it is possible to modulate the release characteristics by optimising 
the properties of the drug and polymer coat.

2.2 Mechanisms of action for controlled drug release

The most important attribute of a controlled-release device is the ability to 
maintain a constant rate of drug delivery. The duration must also be com-
patible with the physiological constraints and the route of administration.12 
As such, numerous devices have been developed, which function via various 
mechanisms of action to achieve the desired rate of drug release. Three 
common mechanisms of action, namely diffusion, osmotic effects and 
erosion, are outlined below.

2.2.1 Diffusion

Polymer fi lms that use a diffusion mechanism permit the entry of aqueous 
fl uids from the gastrointestinal (GI) tract into the tablet core. Dissolution 
of the drug ensues, which is followed by diffusion of the drug solution 
through the polymeric membrane into the body.12 The rate of drug diffusion 
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can be determined by the physicochemical properties of the drug and the 
membrane itself.7 The properties of the polymer membrane can be altered 
by the choice of polymer, the molecular weight of the polymer and the 
inclusion of plasticisers. All these factors can alter the structure of the fi lm 
and the drug can diffuse through a network of pores and channels within 
the membrane, thus facilitating the release process.

If the chosen polymer membrane is hydrophilic, the rate of absorption 
of liquid is very high and the dosage swells. Consequently, as the dosage 
form swells, there is an associated increase in diffusivity, which enhances 
the rate of drug release.5 Conversely, if the polymer is hydrophobic and 
swelling is negligible, the diffusion of the drug out of the polymer matrix is 
much slower.

Diffusion-controlled devices tend to be divided into two main types: 
monolithic devices and reservoir devices.3 Monolithic devices consist of the 
active pharmaceutical ingredient (API) intimately mixed in the rate-
controlling polymer either through dispersion in the polymer or through 
dissolution of the API in the polymer. Although API release from a mono-
lithic device does not typically proceed by zero-order kinetics, it is one of 
the simplest and most convenient methods of obtaining prolonged release.3 
An example of this mechanism is used with transdermal therapeutic systems 
(TTSs). The TTS delivers the drug systemically into the circulatory system 
of the patient through the skin. The rate of drug delivery is governed by 
the diffusion gradient between the system and the skin. The drug is uni-
formly distributed through the polymer matrix and begins to permeate 
through the skin as soon as the TTS is placed on the skin.13 Fentanyl is 
delivered via a TTS to relieve pain in cancer patients.14

A further use of the diffusion mechanism is in reservoir devices. Reservoir 
devices consist of the API contained in a core that is surrounded by a rate-
controlling membrane. Transport of the API held in the core, through the 
surrounding polymer fi lm, occurs by dissolution at the fi lm interface. The 
properties of the boundary fi lm can be used to vary the release mechanism. 
In certain applications, it is desirable to use a dense membrane with a 
microporous hydrophobic structure.3 The pores connect the two sides of 
the membrane and enable the API to diffuse in liquid carriers through the 
porous channels. However, if the API has low aqueous solubility, then dif-
fusion will be slowed and may even stop. Conversely, if a membrane with 
known permeability is used and infi nite sink conditions are obtained, then 
the rate of active release will be constant and nearly zero-order kinetics can 
be achieved. An example of a successful reservoir system is Alza 
Progestasert®, which contains the steroid progesterone in a core surrounded 
by an ethylene–vinyl acetate copolymer.15 This successfully maintains a 
relatively constant release rate of progesterone for a number of years.

There is, however, a disadvantage to reservoir systems and that is the 
propensity for dose dumping.12 Dose dumping is a phenomenon whereby a 
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relatively large quantity of API is rapidly released, introducing potentially 
toxic levels of the drug into the systemic circulation.3 Bursting effects can 
occur when the API saturates the membrane surrounding the core during 
storage. Once the device is placed in an aqueous media, the active ingredi-
ent will rapidly desorb from the membrane causing a bursting effect and a 
rapid dose dump. The magnitude of the burst is determined by the diffusion 
coeffi cient of the active agent in the membrane, the membrane thickness 
and the length of storage time.

2.2.2 Osmotic effects

Osmotic drug delivery systems suitable for oral administration typically 
consist of a compressed tablet core that is coated with a semipermeable 
membrane coating.11 Most osmotic devices use relatively water-permeable 
materials such as cellulosic polymers, particularly cellulose acetate (CA).9,16 
Cellulosic membranes generally exhibit a water permeability range between 
1 × 10−5 and 1 × 10−7  cm3  cm/cm2  h  atm. The permeability of CA fi lms can 
be tailored by adjusting the degree of acetylation; as the acetyl content 
increases, the permeability decreases.9 Ethyl cellulose is also widely used 
as a membrane for oral osmotic systems. The water permeability of pure 
ethyl cellulose is low but is enhanced by the incorporation of water-soluble 
additives such as HPMC.

Upon immersion in aqueous media, the hydrostatic pressure inside the 
tablet will build up because of the selective ingress of water across the 
semipermeable membrane.7 To ensure that the coating is able to resist 
the pressure within the device, the thickness of the membrane is usually 
between 200 and 300  µm.9 The membrane is non-extensible and the increase 
in volume caused by the imbibition of water raises the hydrostatic pres-
sure.16 Drug dissolution ensues in isolation from the GI environment. The 
pressure is relieved by a fl ow of saturated solution out of the device through 
a small orifi ce.12

Once the internal osmotic pressure has risen suffi ciently and the drug 
solution or suspension is being expelled at a predetermined rate through a 
delivery orifi ce, the process continues until the entire solid drug has been 
removed and a solution-fi lled shell remains. Initially, 60–80% of drug is 
released at a zero-order rate.9 The residual dissolved drug continues to be 
delivered but at a depleted rate until the osmotic pressures inside and 
outside the tablet are equal.16

The impetus to draw water into the device is the difference between the 
osmotic pressures of the outside environment and the drug solution. The 
osmotic pressure of the drug solution needs to be relatively high to over-
come the osmotic pressure of the body.16 Consequently, the system often 
contains additional osmotically active materials such as sugars or salts 
within the core as the API may not always be soluble in water to the extent 
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of being able to exert adequate osmotic pressure to drive the device. The 
drug composition may also contain solubilisers such as buffering agents 
which solubilise the drug by maintaining a pH microenvironment that aids 
in drug dissolution and absorption.11

Osmotic drug delivery systems release drug at a rate that is independent 
of the pH and hydrodynamics of the external dissolution medium. The 
system is also applicable to drugs with a broad range of aqueous solubili-
ties.11 Consequently, the drug can either be released as a solution or as a 
suspension. However, if the drug is released as a suspension, it must dis-
solve in vivo before it becomes systemically available.

2.2.3 Polymer erosion

Biodegradable polymers are used to reduce the need for additional sur-
gical intervention required to remove non-biodegradable matrices. 
Biodegradation designates the process of polymer chain cleavage, which 
leads to a loss in molecular weight.17 Degradation induces the subsequent 
erosion of the material which is defi ned by a mass loss. For polymers, bio-
degradation occurs by two main mechanisms: surface or bulk erosion. 
Surface or heterogeneous erosion occurs when the rate of erosion exceeds 
the rate of water permeation into the bulk of the polymer.1 Bulk or homo-
geneous erosion occurs when water molecules permeate into the bulk 
polymer at a faster rate than erosion.

Drug release from biodegradable polymers can occur via three main 
mechanisms. The fi rst mechanism entails the active agent covalently 
attached to the polymer backbone, often called a pendant chain system.12 
As the backbone cleaves, there is a concomitant release of API at a con-
trolled rate.3 The second mechanism occurs when API is contained within 
a core surrounded by the biodegradable shell. The rate of biodegradation 
of the polymer shell governs the rate of drug release and, as the shell will 
eventually degrade entirely, surgical removal of the drug-depleted device 
is unnecessary. In the fi nal mechanism, the drug is homogeneously dis-
persed in the polymer, and drug release is controlled by diffusion, by a 
combination of diffusion and erosion or by erosion alone.3

Numerous biodegradable polymers have been synthesised to deliver 
drugs, cells and enzymes. The properties of these polymers can be modifi ed 
by incorporating a variety of labile groups such as esters, anhydride and 
urethane in their backbone.1 Polyester-based polymers are one of the most 
widely used systems, particularly poly(lactic acid) (PLA), poly(glycolic 
acid) (PGA) and their copolymers poly(lactic-acid-co-glycolic acid) 
(PLGA).18 The biodegradation kinetics can be altered by tuning the pro-
portion of PLA and PGA in the copolymer and altering the molecular 
weight of the polymer.1,19 For PLGA microspheres, low molecular weight 
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and high glycolic acid content resulted in a faster release. However, 
PLGA suffers from an increase in local acidity during degradation, which 
can cause irritation and can also be detrimental to the stability of protein 
drugs.20

Polyesters degrade by water penetration into the device, which results 
in the breakage of ester bonds via random hydrolytic ester cleavage.17 
Although this can be tailored to a certain extent by the degree of crystal-
linity, copolymer ratio and polydispersity, polyesters tend to degrade over 
a long period of time. This can be disadvantageous when the drug needs to 
be released for only a few days or weeks and, consequently, polyorthoesters 
(POEs) have become more prominent. POE contain an orthoester linkage 
which is acid labile and the rate of hydrolysis is accelerated in acidic envi-
ronments.17 Conversely, the rate of hydrolysis can also be decreased with 
an increase in pH. As such, the rate of drug release for POEs can vary from 
a few days to several months and so has a wide range of applications.

Oral dosage forms that rely on the degradation of the polymer matrix 
also depend on the transit time of the dosage form through the GI tract.3 
Following food intake, the stomach is in the fed state in which liquids and 
digested material are readily emptied. As such, the gastric residence time 
of slowly eroding dosage form may vary greatly depending on the state of 
the stomach, either fed or fasted, and the dosage form will be able to 
degrade to a greater or lesser extent. In addition, the pH of the stomach 
varies greatly depending on the fed or fasted state and this can also affect 
the rate of degradation of the polymer matrix.

2.3 Examples of controlled-release delivery systems

2.3.1 Modifi ed release

A variety of dosage forms utilise the concept of modifi ed release; the 
release kinetics of the drug are governed by the properties of the polymeric 
matrix the API is contained within.15 Typically, the active ingredient is dis-
persed in particulate form throughout the polymer matrix, which is either 
hydrophilic or lipophilic in nature. This principle is used for the contracep-
tive vaginal ring. A silicone elastomer ring designed to fi t around the cervix 
contains a dispersion of the contraceptive steroid medroxyprogesterone 
acetate. The steroid is released slowly via diffusion achieving a steady level 
of plasma progestin and a prolonged period of contraception.12,15

Membrane diffusion-controlled devices are also commonly used in pharma-
ceuticals. The membrane acts as an interphase that separates two phases 
and restricts the transport of compounds between the phases. The simplest 
design involves a synthetic polymer membrane such as a polyethylene fi lm 
and the permeant passes through by simple diffusion. More complex systems 
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involve the use of microporous systems in which the permeant material 
must diffuse through liquid-fi lled pores within the membrane. If a mem-
brane is biodegradable, the release of drug will depend on the rate of dif-
fusion of the drug through the membrane and the rate of dissolution of the 
membrane.15

Hydrogels are a further example of modifi ed release devices. Hydrogels 
are a cross-linked network of hydrophilic polymers, which have the ability 
to absorb large amounts of water and swell, whilst maintaining their three-
dimensional structure.21 A typical hydrogel membrane usually consists of 
either a solid core of drug or a cross-linked hydrogel matrix containing 
dissolved or dispersed drug with a surrounding rate-controlling hydrogel 
membrane.12 Hydrogels are glassy in their dehydrated state; however, on 
coming into contact with an aqueous environment, water penetrates into 
the free spaces on the surface between the macromolecular chains.21

When suffi cient water has entered the matrix, the glass transition tem-
perature Tg of the polymer drops to the environmental temperature. The 
presence of water causes the development of stresses that are accommo-
dated by an increase in the radius of gyration and end-to-end distance of 
polymer molecules. This is seen macroscopically as swelling.21 As the swell-
ing occurs, there is a concomitant increase in dissolution of the core and 
drug is released through the swollen fl exible regions.12

In addition to the mechanism of controlled release, which is attributed 
to the properties of the matrix and the drug, systems have also been designed 
that can be manipulated by remote control such as ultrasound, ion exchange 
control and a magnetic fi eld.22 This is desirable as drug release is mediated 
by a factor that does not change with time and is independent of the 
pharmacological effect of the device.15 Consequently, zero-order release 
kinetics should be attainable. However, these are less prevalent and are 
typically in the development stage.

2.3.2 Enteric coated products

Enteric coated products are designed to remain intact in the stomach and 
then to release the API in the upper intestine; as such, they are termed 
delayed-release dosage forms.23,24 The rationale for using enteric coatings 
is to prevent damage from being caused to the API by gastric enzymes or 
by the acidity of the gastric fl uid, to reduce the incidence of nausea caused 
by irritation of the gastric mucosa, to deliver the drug to the local site of 
action in the mucosa and at the highest possible concentration and to 
provide a delayed-release profi le.7

Since drugs must be in solution before they can be absorbed, compounds 
with very low aqueous solubility often suffer oral bioavailability problems 
because of limited GI transit time of the undissolved drug particles and 
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limited solubility at the absorption site.3 Consequently, the drug delivery 
system needs to be capable of retaining the drug in the stomach and gradu-
ally releasing it into the small intestine.

The polymers that are typically used to achieve this delayed-release 
profi le are anionic polymethacrylates such as Eudragit®, cellulose-based 
polymers or poly(vinyl acetate phthalate) (PVAP). The release profi le is 
facilitated by the pH-dependent solubility of the polymeric acidic func-
tional groups.24 For example, the aqueous acrylic dispersion Eudragit® L30-
D55, is an anionic copolymer based on methacrylic acid and ethyl acrylate, 
with free carboxyl groups in the ratio 1  :  1 with the ester group. The car-
boxylic groups only begin to ionize in aqueous media at pH 5.5 and above, 
rendering the polymer resistant to acidic media but soluble in intestinal 
fl uid.12

The rate of drug release from enteric coated products tends to be con-
trolled by the polymer characteristics and its mechanism of drug release.24 
The drug can be released through fl aws or cracks in the matrix, by transport 
of the drug through media fi lled pores in the coat, by transport through the 
swollen fi lm or by transport due to the permeability of the API through a 
non-porous coat. The desired release rate can therefore be attained by 
tailoring the polymer characteristics.

2.3.3 Microspheres

Microspheres involve a drug encapsulated in a polymer matrix, which is 
released at a relatively slow rate over a prolonged period of time.4 
Consequently, in comparison with conventional dosage forms, microspheres 
afford less frequent drug administration; therefore an increase in patient 
compliance is often noted. In addition, the polymer matrix provides protec-
tion to the API and enables molecules that have been diffi cult to administer 
previously, such as nucleic acids, to be delivered to the site of action in high 
local concentrations. Also, since the drug is loaded inside the microsphere, 
the API is kept separate from other microspheres. Consequently, multiple 
drugs can be administered in a single injection, which owing to compatibil-
ity issues may not have otherwise been possible.25

Microspheres can be ingested or injected and offer a number of advan-
tages over conventional oral drug administration.25 The drug is encapsu-
lated in either a slowly degrading matrix or a diffusion-controlled matrix, 
which enables the drug to travel through the pores formed during sphere 
hardening.6 Drug release rates can be manipulated through the choice of 
polymer matrix and its associated chemical and physical properties. Block 
copolymers with a varying number of hydrophilic regions can control the 
rate of drug release. The greater the number of hydrophilic regions, the 
faster is the ingress of solvent and the more rapid is the rate of drug release.4 
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However, copolymerisation can also lead to an initial burst during which a 
signifi cant fraction (typically between 5% and 50%) of the encapsulated 
compound is released. This is undesirable as the drug is not available for 
prolonged release and the large burst may result in toxicity.26

A further primary determinant of drug release rate is particle size. Larger 
spheres tend to release encapsulated compounds more slowly and for longer 
than smaller microspheres. In a previous study, the initial release rate of 
both rhodamine and piroxicam was found to decrease with increasing 
sphere diameter.4 This has been attributed to the decrease in surface-area-
to-volume ratio with increasing particle size. This enables the desired 
release profi le to be achieved relatively easily by manipulation of the spray 
process.

The ability to tailor the drug release rate can also be achieved by mixing 
microspheres of different characteristics.25 For example, Ravivarapu et al.27 
mixed microspheres fabricated from low-molecular-weight PLGA with 
microspheres consisting of a high-molecular-weight formulation.27 The low-
molecular-weight polymer resulted in porous microspheres, which released 
the drug rapidly. However, the high-molecular-weight microspheres were 
dense and produced a slower sigmoidal release profi le. By combining the 
two formulations, the release rate could be tailored and was a combination 
of the two formulations. However, microencapsulation can result in lower-
ing bioavailability of the drug and, consequently, careful control of the 
polymeric fi lm needs to be carried out. If the polymer layer is too thick, the 
drug is unable to cross the boundary and will not become available for cir-
culation.10 Consequently, the drug will not be absorbed and perform the 
necessary function.

Microencapsulated dosage forms will often reduce fl uctuations in the 
blood levels but, when compared with the native drug, may have lower peak 
plasma levels of the drug. In a study which compared conventional aspirin 
with microencapsulated aspirin, conventional aspirin was more immedi-
ately available and showed nearly twofold peak plasma levels compared 
with the sustained-release formulation.28 However, aspirin was maintained 
at a higher level for the sustained-release tablet and, in terms of bioavail-
ability, both dosage forms were equivalent. As such, the microencapsulated 
dosage form would require less frequent administration and the steady 
release profi le may result in a reduced level of toxicity and adverse effects 
from the drug.

There are a number of successful examples of the use of microspheres. 
Aspirin tablets have been formulated with microencapsulated acetylsali-
cylic acid, provide a sustained release of the API and are tolerated much 
better by the GI tract than are conventional aspirin tablets.28 The bitter 
taste of the API can also be successfully masked by utilising a microencap-
sulation process and this was achieved for Tylenol®. In addition, greater 



 Introduction to polymeric drug delivery systems 43

tolerability of a dosage form can be attained when microspheres are incor-
porated. For example, microencapsulated acetylsalicylic acid incorporated 
into a suppository resulted in a much lower incidence of irritation of the 
rectal mucosa than from a conventional suppository.28

2.3.4 Implants

Over recent years, novel delivery systems such as implants have impacted 
cancer treatment dramatically. Many cancer drugs have short in vivo half-
lives and polymer delivery systems afford suitable protection to enable 
the drugs to be delivered at a controlled rate and duration.14 Cancer 
drugs can also cause toxicity; therefore the ability to deliver locally 
rather than systemically can improve both the safety and the effi cacy of 
cancer chemotherapy. Polyanhydride wafers such as polyanhydride 20:80 
poly[(1,3,bis-p-carboxyphenoxypropane)-co-(sebacic anhydride)] have 
been used to deliver chemotherapeutic drugs such as carmustine locally to 
treat brain cancer.18,29,30 The wafer is placed at the surface of the tumour 
resection site and the drug is slowly released for approximately 3 weeks, 
destroying the remaining tumour. The comonomer ratio can also be varied 
to produce erosion profi les that range from days to years which is very 
benefi cial.30

Another use of implants is in the controlled release of contraceptive 
steroids.3,12 A solid drug in micronised form is homogeneously dispersed 
through the polymer matrix made from a bioerodable or biodegradable 
polymer. The polymer is moulded into a pellet or bead-shaped implant. 
The controlled release of the embedded drug particles is made possible by 
a combination of polymer erosion via hydrolysis and diffusion through the 
eroded polymer matrix. The rate of drug release is determined by the 
hydrolysis rate of the polymer, the molecular weight and the drug loading.3 
Contraceptive steroids such as levonorgestrel are embedded in biodegrad-
able POEs and, as the polymer is hydrolysed, the steroid is released into 
the circulatory system.

A limitation that is often seen with implants is an infl ammatory response 
to the implant.3 In an attempt to minimise this, the implant should have the 
minimum surface area by design and a very smooth surface fi nish. In addi-
tion, the implant should have a similar structure to the tissue that it is being 
implanted into. A further factor that also needs to be considered with 
implants is the loss in mechanical properties that will ensue as the polymer 
degrades. As chain cleavage occurs, the tensile strength of the implant will 
decrease and the integrity of the implant may be compromised. Consequently, 
the implant may not perform optimally.

A recent advancement in the fi eld of implants is injectable in situ setting 
semisolid drug depots.26 The depots are typically made from biodegradable 
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polymers, which can be injected via a syringe into the body and, once 
injected, form a semisolid structure. These have many advantages particu-
larly in cancer treatment. Taxol®-loaded polymeric implants have been used 
to treat brain tumour resection sites in rats.31 However, to circumvent the 
need for invasive procedures, a thermoplastic triblock polymer injectable 
system has been investigated.32 This system released Taxol® for longer than 
60 days and reduced side effects due to local delivery. There are inherent 
dis advantages with the proposed injection system, however. The polymer is 
required to be in the molten state during injection and this can be very 
painful for a patient during administration. In addition, the drug release is 
often slower than would be ideal and, consequently, this method of admin-
istration is still in development.

2.4 Commonly used polymers for drug 

delivery systems

A large number of polymers are used in drug delivery systems to accom-
modate the vast array of designs, drug interactions and release profi les that 
are required. The following section is therefore by no means a conclusive 
list of polymers but may serve as a guide to some of the more commonly 
used polymers and the rationale behind their use.

Synthetic polymers are typically used in drug delivery systems because 
of the fi ne control over their inherent properties that is possible. Methacrylate 
ester copolymers are often used as they are insoluble over the entire physi-
ological pH range. However, they are able to swell and become permeable 
to water and dissolved substances; so they are often used in modifi ed release 
applications that rely on diffusion.7 The addition of hydrophilic materials 
such as soluble cellulose ethers can render the polymer more soluble and, 
consequently, the drug release profi le can be manipulated.

Cellulose acetate phthalate (CAP) is one of the most widely used syn-
thetic polymers and has its use in enteric coated products. The polymer 
consists of a free hydroxyl group contributed by each glucose unit of the 
cellulose chain; approximately half are acylated and one quarter esterifi ed 
with one of the two carboxylic groups of the phthalate moiety. The second 
carboxylic acid group is free to form salts and serves as the basis of its 
enteric character.7 The carboxylic group only ionises in aqueous environ-
ments with a pH above 5.5. This renders CAP resistant to acidic media such 
as those in the stomach but soluble in gastric fl uids.12

PVAP is prepared from esterifi cation of partially hydrolysed poly(vinyl 
acetate) with phthalic anhydride.33 It is typically used as a coating ingredient 
for solid oral dosage forms and is available commercially as an aqueous 
dispersible form (Sureteric) for water-based spraying.7 Because of the 
spraying application, a specifi cation is often placed on the viscosity of the 
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polymer as this can impact the surface fi nish of the coat. The characteristics 
can also be manipulated by phthalyl content, which is commonly between 
60% and 70% and has been found to affect the pH at which tablets coated 
with PVAP disintegrate.7

Osmotic devices require a semipermeable polymer membrane, i.e. a 
polymer that is permeable to water but impermeable to solutes.9 Typically 
cellulose acetate (CA) is used. CA fi lms are insoluble and yet semiperme-
able. The extent of permeability can be altered by changing the degree of 
acetylation. As the acetyl content increases, there is a concomitant decrease 
in permeability. Furthermore, the permeability of CA can be improved by 
incorporation of hydrophilic fl ux enhancers or plasticisers.9 The addition 
of a hydrophilic plasticiser (PEG-200) was found to increase release of 
nifedipine from an osmotic pump.34

Synthetic degradable polyesters are commonly used in drug delivery and 
the most common are derived from three monomers: lactide, glycolide and 
caprolactone.18 The rate of degradation ranges from days to years and is 
affected by crystallinity, molecular weight and monomer hydrophobicity. 
This is because, by varying these physical properties, access of water to the 
ester bond is affected and, consequently, degradation rate is manipulated.17 
The acidic by-products of degradation of polyesters have been implicated 
in a number of adverse tissue reactions and, consequently, a number of 
other biodegradable polymers have been explored.

Polyanhydrides are often used in drug delivery systems as they are bio-
degradable and biocompatible.18,25 Polyanhydrides are usually hydrides of 
aliphatic and aromatic dicarboxylic acids which have hydrophobic regions 
separated by relatively hydrophilic acid anhydride bonds. The anhydrides 
are hydrolysed under physiological conditions, which results in polymer 
degradation.25 However, owing to the hydrophobic regions, the degradation 
is restricted to the surface as the water cannot penetrate the bulk of the 
polymer. This leads to a better controlled erosion process and, subse-
quently, drug release is often more sustained.17,30

Polyorthoesters have also been explored as controlled delivery devices.17 
An advantage of POE devices is that the orthoester linkages are acid labile 
and consequently the degradation rate of the device can be modulated by 
pH. By lowering the pH, the rate of hydrolysis is accelerated, whereas an 
increase in pH lowers the hydrolysis rate. The degradation time of POEs 
can therefore vary from a few days to several months. However, because 
POEs are hydrophobic, the amount of water available to react with the 
hydrolytically labile orthoester linkages is limited.35 Consequently, under 
physiological conditions the polymer is very stable.

Natural polymers have also been used in drug delivery systems as they 
offer excellent biocompatibility; however, naturally derived polymers 
often suffer from batch-to-batch variability.1 Hydroxypropylcellulose is a 
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non-ionic water-soluble cellulose ether. The molecular substitution of 
hydroxypropylcellulose is fi xed; however, the molecular weight is varied by 
controlling the degree of polymerisation of the cellulose backbone.8 As the 
degree of polymerisation increases, the viscosity of the polymer increases. 
This variation enables hydroxypropylcellulose to be employed for a range 
of purposes including use as a binder, as a sustained-release matrix and also 
as a fi lm coating.

Hydroxyethylcellulose is also a non-ionic water-soluble polymer derived 
from cellulose, which can be tailored to a desirable viscosity by altering the 
molar substitution and degree of substitution.8 Hydroxyethylcellulose is 
used as a thickening agent, as a bioadhesive material and as a fi lm coating 
agent. Hydroxypropyl methylcellulose (HPMC) is a partly O-methylated 
and O-(2-hydroxypropylated) cellulose that is available in various viscosity 
grades. High-viscosity grades can be used to retard the release of water-
soluble drugs from the matrix, whereas low-viscosity HPMC can enhance 
drug release.8,36

HPMC is widely used in pharmaceutical formulations as a tablet binder, 
fi lm coating and controlled-release matrix.8 HPMC acts as a controlled-
release matrix by creating a sharp concentration gradient at the polymer–
water interface.36 This results in water imbibation into the matrix. The water 
acts as a plasticiser and reduces the Tg of the HPMC. Consequently, the 
polymer chains are more fl exible and the polymer begins to swell. The drug 
also begins to dissolve and diffuse through the swollen matrix. The chain 
length and degree of substitution can be altered to vary the time that the 
polymer itself takes to dissolve.36

Guar gum is a natural non-ionic polysaccharide obtained from the ground 
endosperm of the guar plant, which is grown in climates such as those in 
India and Pakistan.8,37 Guar gum is a galactomannan which is able to dis-
perse and swell in cold and hot water to form a viscous sol or gel. The 
hydration rate and optimum viscosity are strongly affected by the galacto-
mannan content, the molecular weight and its particle size distribution. 
Guar gum is typically used as a binder and thickening and stabilising agent 
in topical products.8

Gelatin is a commonly used natural polymer, which is derived from col-
lagen.38 It is a biodegradable and biocompatible polymer, which has been 
utilised as a microsphere.19 Gelatin can be produced via two different routes; 
the alkaline process (known as liming) targets the amide groups of aspara-
gine and glutamine and hydrolyses them into carboxyl groups, whereas the 
acidic process does little to affect the amide groups. Gelatin processed via 
the alkaline route possesses a greater proportion of carboxyl groups, ren-
dering it more negatively charged than the acidic processed gelatin. This is 
important as it determines which therapeutic agents can be incorporated 
successfully into gelatin and subsequently remain protected from degrada-
tion and release over an extended time period.38
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As can be seen, a wide variety of polymers can be used as drug delivery 
vehicles and the release properties can be tailored by manipulating the 
physicochemical characteristics of the polymer.10 The properties of the 
polymer need to complement the chosen API and enable interaction as well 
as functioning effectively in the environment that the delivery system is 
intended for.

2.5 Polymer characteristics and properties

As described in the previous section, a wide variety of polymers are 
employed as drug delivery vehicles. The controlling effect of a chosen 
polymer on drug release depends on the physicochemical properties of the 
polymer.10 A number of polymer characteristics are important in determin-
ing the behaviour of the drug delivery system and the ensuing release of 
the active ingredient.

The molecular weight is an important consideration when choosing a 
polymer as it impacts on the properties of the polymeric drug delivery 
system. As the molecular weight of the polymer increases, the magnitudes 
of the mechanical properties also rise.3 Polymers with high-molecular-
weight chains can often be tougher than low-molecular-weight polymers 
owing to the increased entanglements between chains. In addition, entan-
glements can prevent the ingress of aqueous media into the bulk; conse-
quently, dissolution of the drug is retarded and drug release is signifi cantly 
slower.10,39

The degradation behaviour of polymers is typically affected by the 
molecular weight.6 Polymer chains undergo scission until the molecular 
weight has been reduced to a critical value whereby oligomers are able to 
diffuse out of the bulk.39 This leads to signifi cant degradation, and pores are 
created. The pores imbibe water and promote drug release. As such, if the 
initial molecular weight of the polymer is high, the degradation process will 
be slower, as it will take longer to reach the critical reduction in molecular 
weight, which instigates drug release. Conversely, if the initial molecular 
weight is low (approximately 4000  g/mol), drug release occurs immediately, 
implying that the polymer is solubilised immediately.39

The degree of crystallinity is another property that is an important deter-
minant in the function of the polymeric drug delivery device. Polymers that 
have regular structures and are able to achieve a regular packing organisa-
tion of chains are described as crystalline.40,41 The close packing of polymer 
chains enhances the intermolecular interactions and the polymer is tougher 
and stiffer than its amorphous counterpart. Furthermore, crystalline regions 
are impermeable to diffusing molecules and thus an enhancement in crys-
tallinity often results in a decrease in permeability.12 Consequently, crystal-
line regions are essentially impermeable to water so that the rate of 
hydrolysis in crystalline regions is signifi cantly reduced.3 This enables the 
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properties of the polymer to be manipulated by varying the degree of 
crystallinity.6

The glass transition temperature Tg of a polymer can defi ne how the 
polymer behaves at a given temperature. At low temperatures, amorphous 
polymers exist in the glassy state where no large-scale molecular motion 
can occur. Glassy polymers are typically hard and brittle in nature and, 
consequently, drug diffusion coeffi cients will be low at temperatures below 
Tg.36 As the temperature is elevated, polymers undergo a transition denoted 
as the glass transition temperature where the polymer changes from glassy 
to rubbery. As a result of this transition, the polymer undergoes an abrupt 
change in properties such as fl exibility, permeability and expansion.12 
Consequently, knowledge of Tg and whether the device will be functioning 
above or below Tg is imperative when designing a controlled-release 
device.

Viscosity is an important parameter, particularly if the polymer solution 
is to be sprayed on to the dosage form.7 An optimal viscosity is required to 
attain a suitable surface fi nish and to prevent the solids from precipitating 
out of the suspension. HPMC-based systems are often used to coat solid 
oral dosage forms and, at a viscosity of 5  mPa  s, a solid concentration of 
approximately 15% w/w can be attained. However, if the viscosity is 
increased to 50  mPa  s, only 5% w/w solids concentration can be achieved. 
The lower-viscosity system is therefore advantageous as it permits a greater 
solids content and a lower solvent concentration which in turn reduces the 
processing time as less time is required to remove the solvent during the 
coating process.7 However, if the viscosity is reduced too much, the result-
ing polymer fi lm will suffer from poor fi lm strength owing to the low-
molecular-weight composition.

When a polymer is placed in an aqueous environment, it will gradually 
absorb water and the amount of water is determined by the polymer struc-
ture. This is of considerable importance as controlled-release devices will 
invariably function within an aqueous milieu.3 According to the nature of 
the polymer–water interaction, the polymer can be classifi ed into one of 
four groups. Hydrophobic polymers are essentially water impermeable and, 
when placed in an aqueous environment, will absorb very little water. This 
impermeability is attributed to the polymer chain stiffness, the high degree 
of crystallinity and the presence of hydrophobic groups such as C–F bonds. 
Hydrophilic polymers typically absorb more than 5  wt% water and, as with 
hydrophobic polymers, this is related to the polymer’s properties. The chain 
fl exibility, the absence of crystallinity and the presence of groups such as 
amino, carboxyl and hydroxyl all aid water absorption.3 In addition, varying 
levels of hydrophilicity can be achieved by copolymerisation of two mono-
mers with different degrees of hydrophilicity such as hydroxyethyl meth-
acrylate and methyl methacrylate.
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The third class of polymers are freely soluble in water, even though they 
are of high molecular weight. Typical polymers include poly(vinyl alcohol), 
poly(acrylic acid) and poly(ethylene oxide).3 The fourth type of classifi ca-
tion is highly hydrophilic or water-soluble polymers that have been cross-
linked by means of covalent bonds. The presence of covalent bonds renders 
the polymer unable to dissolve in the water but enables greater uptake of 
water and hence the polymer swells. This gives it characteristics that cannot 
be obtained by using hydrophilic linear polymers.

Porosity can infl uence the rate of transport of a solute through the 
polymer. Porous controlled-release systems contain pores large enough to 
enable diffusion of the drug to occur via liquid carriers that have fi lled the 
pores.12 However, if the pores are below 200–500 Å in size, diffusion may 
be hindered. Porosity is also important in degradable polymer systems. 
Pores enable aqueous media to ingress into the polymer structure and 
initiate both polymer degradation and subsequent dissolution of the active 
ingredient.39 The drug solution can then be released into the systemic cir-
culation. This will occur more rapidly if the structure is porous compared 
with a dense non-porous polymer matrix.6

Tackiness is a property that, if not controlled adequately, can lead to 
processing diffi culties. Tack is related to the forces that are required to 
separate two surfaces joined by a thin fi lm of the solution.7 If the fi lm solu-
tion is too tacky, the surfaces of adjacent fi lm-coated dosage forms will 
adhere to one another. When separated, the dosage forms will often have 
defects such as picking, which can compromise the integrity of the fi lm and 
result in undesirable release profi les or unstable dosage forms. An optimum 
level of tack therefore needs to be attained so that the fi lm will adhere to 
the tablet core but not to other tablet coats.

Blending and copolymerisation can offer a tailored drug release profi le 
which is an intermediate of the two constituent parts.1,6 Microspheres com-
posed of a random copolymer of 1,6-bis(p-carboxyphenoxy)hexane (CPH) 
and sebacic acid (SA) have been utilised to manipulate the drug release 
profi le.25 CPH is aromatic and degrades over approximately 1 year, whereas 
SA is aliphatic and degrades in a few days. Consequently, by optimising the 
ratio of the copolymer the degradation rate can be tailored to the desired 
duration.

Incompatible monomers can also be blended to achieve polymers with 
microphase-separated environments. The two distinct domains can subse-
quently affect the release profi le of the active ingredient. If a strongly 
hydrophobic monomer is blended with a hydrophilic monomer, the hydro-
philic monomer will release rapidly, leaving behind a porous structure. The 
porous structure will be primarily composed of the remaining hydrophobic 
monomer. Therefore, the drug release occurs in a two-step process 
and does not correlate with the total polymer degradation but with the 
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individual monomer release.30 In addition, the domains within copolymers 
and blends may interact differently with the incorporated drug. A model 
drug p-nitroaniline (PNA) has been observed to be highly compatible with 
CPH but less compatible with SA within a CPH–SA copolymer system. 
This led to the initial release of drug-defi cient SA domains followed by 
PNA-rich CPH domains.30

2.5.1 Mechanical properties

Film coats are required to provide physical protection for the dosage form.7 
During the rigours of the coating process, the fi lm needs to provide mechan-
ical strength to protect the tablet from undue attrition. The coating must 
also remain intact, be durable and be resistant to chipping and cracking 
during handling. The mechanical properties of the fi lms can often be attrib-
uted to the molecular weight of the polymer. It has been found that HPMC 
with a molecular weight of 33  000 exhibits greater toughness than HPMC 
with a molecular weight of 20  000.42 The long (high-molecular-weight) 
chains result in an increase in entanglements that create a tougher and more 
rigid structure.

The mechanical properties of the polymer are also infl uenced by the 
proportion or soft and hard segments in blends and copolymers. Shellac has 
been mixed with single esters, which function as soft resins.42 The 
soft resin plasticises the shellac and results in a more fl exible polymer. 
Furthermore, if polar groups are incorporated into the polymer structure, 
they promote intermolecular interaction through hydrogen bonding. This 
leads to the formation of a highly structured matrix, which is rigid and has 
a high tensile strength.42

Mechanical properties are particularly important for implantable deliv-
ery devices. The implant needs to retain its mechanical integrity, whilst it 
delivers the drug and then to degrade to non-toxic by-products. If low-
molecular-weight PGA is used as a three-dimensional drug-releasing 
scaffold, the polymer loses integrity over a few hours.39 Consequently, the 
structure cannot function effectively over a sustained period. The degrada-
tion rate of the polymer therefore needs to match the desired release dura-
tion of the drug so that a controlled rate of drug release is achieved and 
the device does not dose dump as the polymer degrades.

Mechanical properties are also important for rupturable dosage forms.43 
An outer polymer coating is required to imbibe water and to rupture after 
a time lag. Besides water permeability, the mechanical properties are there-
fore important. It has been found that, if the polymer coat is too fl exible, 
e.g. Eudragit RS, the capsules will only rupture slightly with very small 
cracks.43 Complete rupture will not occur and no signifi cant drug release 
will be attained. However, if less fl exible and more brittle polymers such 
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as ethyl cellulose or cellulose acetate propionate are used, rupture is com-
plete and drug release is achieved.

2.5.2 Processing parameters

Simple diffusion-controlled dosage forms can be fabricated by compressing 
the drug with a slowly dissolving carrier.3 The rate of drug availability is 
controlled by the rate of penetration of the dissolution fl uid into the matrix. 
This can be controlled by the porosity of the matrix, which in turn can be 
altered by the compression force that is applied during manufacture. The 
greater the compression force, the greater is the adhesion forces between 
the polymeric units and the denser and less porous the matrix will be. In 
addition, the presence of hydrophobic additives can be added to decrease 
the effective porosity by limiting the number of pores that can be pene-
trated by eluting fl uid.3

Another processing route is fi lm coating. This requires a fi lm coating 
suspension to be formulated with the appropriate density, surface tension 
and viscosity.7 The physical properties of the suspension control the wetting, 
spreading and adhesion of the droplets on to the solid dosage form. For 
example, if the concentration of HPMC is doubled from 6 to 12% w/w, a 
nearly tenfold increase in viscosity is observed. This is due to the large 
hydrodynamic volume of the randomly coiled polymer chains and their 
associated hydrogen-bonded water molecules that resist fl ow and result in 
high viscosity values.7 If the viscosity is too high, the fi lm will spread poorly 
and may lead to an uneven surface fi nish.

Once an optimum coating suspension has been formulated, the uncoated 
solid dosage forms are placed inside a cylindrical drum such as an Accelacota 
unit. The unit has a horizontal rotating cylindrical drum with a perforated 
curved inner surface. The ends of the drum are conically shaped so that the 
tablets in the drum are turned over and mixed laterally. There are baffl es 
to aid mixing and hot air enters the drum as the tablets are tumbled. As 
the tablets are continuously tumbled, the coating fl uid is sprayed into the 
drum at a defi ned temperature, speed and pressure. The fi lm-coated tablets 
are then retrieved.

Film coating is also used with osmotically controlled devices. The device 
is formed by compressing a drug with a suitable osmotic pressure into a 
tablet.16 This can often present problems as the components of osmotic 
devices tend to have poor fl ow and compression properties.11 A semiperme-
able membrane is then applied to the tablet core. The coat, typically CA, 
is applied using a solvent-based process to ensure a smooth surface fi nish. 
The coating membrane is rigid and non-swelling so as to maintain the 
integrity of the system during drug release. Consequently, when the deliv-
ery orifi ce is drilled into each system by laser or by a high-speed mechanical 
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drill, care must be taken not to damage the coat.3,9 Although the processing 
steps are complex, osmotic devices have been successfully used in many 
commercial products.11

Monolithic systems are commonly utilised for the controlled release of 
contraceptive steroids. PLA has been typically used for the sustained 
release of progesterone and β-oestradiol. Devices are fabricated by dissolv-
ing the drug and the polymer in dichloromethane.2,12 The solvent is evapo-
rated under reduced pressure and the solid residue is melt pressed into the 
desired shape. In this procedure, the polymer residue is placed in the lower 
half of a heated mould.3 The mould is closed and air, and excess polymer, 
are forced out. The mould is cooled and the appropriately shaped polymeric 
device is removed.

Reservoir systems are typically water-insoluble polymeric materials 
encasing a core of drug. The chosen polymeric membrane, such as chitosan, 
is attached to a backing membrane with a non-removable adhesive, thereby 
creating an empty reservoir.44,45 A small circular hole is made in the backing 
membrane. A separate polymeric sheet with a circular hole in it is aligned 
with the chitosan membrane; so the reservoir coincides with the circular 
hole. The device is pressed and left to dry overnight. A thin layer of 
pressure-sensitive adhesive is applied to the releasing face of the device to 
secure the device to the skin. The drug formulation is injected through the 
opening at the backing to the reservoir and sealed with an adhesive patch. 
The transdermal delivery system can then be placed on the skin for the 
controlled release of the active ingredient into the skin.

Micronised drug particles or ultrafi ne drug droplets incorporated in cap-
sules of a few microns in size are termed microspheres. Microspheres can 
be fabricated by solidifi cation of emulsion (coacervation), solvent evapora-
tion or solvent extraction.19 Typical solvent evaporation is carried out in 
oil-in-water or oil-in-oil emulsions, whose inner oil phase is composed of 
drug, polymer and solvent.25 A polymer in water is emulsifi ed by sonication 
into an organic phase. The polymeric particles are chemically cross-linked 
or hardened by heat treatment and the residual organic phase is removed. 
Water-soluble drug molecules can be incorporated into the microspheres 
by including them in the polymer solution. Up to 10% w/w drug can some-
times be trapped in the microspheres by this approach. The diameter of the 
microsphere can be affected by various processing parameters such as the 
stir rate, the concentration of additives and the internal phase volume.

Microspheres are also fabricated by coacervation. This refers to a four-
stage process, which transfers macromolecules with fi lm properties from a 
solvated state (stage 1) via an intermediate phase, the coacervation phase 
(stage 2), into a phase in which there is a fi lm around each drug particle 
(stage 3); fi nally the polymer fi lm solidifi es and encases the drug (stage 4).28 
Stage 1 is a two-phase system, which involves the drug dissolved in the sol-
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vated fi lm-forming material. Stage 2 is a three-phase system involving the 
external phase of the solvated polymer, the dissolved drug and a new phase 
called the coacervation phase. This is an enrichment of polymer droplets 
in the solvent and occurs as a result of changes in pH, temperature or ionic 
strength variations. During phase 3, a continuous polymer fi lm begins to 
encase each particle. By enriching the coacervate, a transition from the sol 
state into the gel state takes place and the three-phase system returns to a 
binary system. Finally in stage 4 the polymer solidifi es and enables the 
microspheres to be formulated into dosage forms such as capsules, granules 
and suspensions.28

Microencapsulation can also be performed using an atomisation proce-
dure.28 The micronised or nanomilled drug suspension is atomised in an 
outer aqueous phase or a fi ne drug emulsion in an aqueous system contain-
ing reactive monomers or precondensates. Under the infl uence of heat 
during spraying the fi lm-forming materials polymerise or polycondense. In 
conjunction, the aqueous phase evaporates and an enrichment of the fi lm-
forming monomers or polycondensates takes place at the surface of the 
drug. The polymer solidifi es and forms a network around the drug particles, 
and microspheres are formed.

2.6 Future trends

Polymeric drug delivery is a constantly evolving fi eld of therapeutics and, 
consequently, new technologies and enhanced modes of action are continu-
ously emerging. A major advancement in the future will be the develop-
ment of a continuous glucose sensor to treat diabetes.1 The sensor would 
ideally be sensitive to small changes in glucose, remain in contact with 
either blood or bodily fl uid and respond rapidly and reliably to any fl uctua-
tions in blood glucose levels.12 This could be in the form of a hydrogel that 
is able to respond to the local environment such as a change in pH induced 
by an enzymatic reaction which occurs only in the presence of a substrate 
such as glucose.18,22 This would then be regulated by a release of insulin 
from the hydrogel system.

A future development that is important is the ability to deliver nucleic 
acids particularly to single tissue or cells. Consequently, an approach is 
required that results in stable gene expression and targeted administration 
to the binding site. Attempts have been made in the past that have utilised 
positively charged polymers such as polylysine to complex negatively 
charged deoxyribonucleic acid (DNA) in a stable confi guration.18 However, 
this is potentially toxic and immunogenic. As such, additional work is required 
to identify new polymers with suitable ligands for the DNA to complex with.

Although vast improvements in cancer treatment have been made, 
undesirable interactions between drug and delivery vehicles still exist.14 
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An advancement that would alter cancer treatment dramatically would 
be a device that could be regulated to release drugs at any time, pattern 
or rate. This may enable combination therapies to be administered, 
which initially release angiogenisis inhibitors to attack the tumour cell fol-
lowed by chemotherapeutic drugs to destroy the remaining tumour.46 The 
device would then maintain the patient on antiangiogenic therapy long 
term.

The administration of drugs to the central nervous system (CNS) is a 
signifi cant challenge as many drugs will not cross the blood–brain barrier 
(BBB).2 This can be bypassed by injection of microspheres into a specifi c 
region of the brain, enabling sustained delivery to the CNS. However, 
encapsulating the required drug is often technically challenging and micro-
spheres also have a tendency to release a drug rapidly in a burst effect. This 
is undesirable as potent levels of a drug within the CNS can be reached. 
Consequently, new methods that produce a more linear release of a drug 
to the CNS and yet still bypass the BBB are required.
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tissue engineering
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3.1 Introduction

A hydrogel is a network of hydrophilic polymers that absorbs water or 
biological fl uid but does not dissolve. Hydrogels can be created from a 
number of water-soluble materials and commonly include synthetic poly-
mers, proteins and natural molecules. The three-dimensional (3D) struc-
ture of hydrogels is a result of polymer cross-linking that forms an insoluble 
structure within the fl uid environment. The high water content and elastic-
ity create a resemblance to biological tissue, creating extensive biomedical 
applications. A few scientists have even hypothesized that a primitive 
hydrogel may have provided the environment responsible for assembly of 
the fi rst cell (Trevors and Pollack, 2005).

Wichterle and Lim invented the synthetic hydrogel in 1954 with the goal 
of designing the ideal biocompatible substance (see Wichterle and Lim, 
1960). Hydrolytically stable molecular chains of 2-hydroxyethyl meth-
acrylate (HEMA) were interconnected by a succession of chemical bonds 
to form a uniform molecular structure (Wichterle, 1978). Wichterle (1978) 
achieved four criteria with the design.

1 Preventing component release.
2 Creating a stable chemical and biochemical structure.
3 Having a high permeability for nutrients and waste.
4 Assuming physical characteristics similar to natural living tissue.

The water content and mechanical properties of hydrogels are similar to 
those of human tissue and yield many biomedical applications. The fi rst 
biomedical use for synthetic hydrogels was as an orbital implant in 1954. 
Subsequently, Wichterle designed soft contact lenses from hydrogels in 1961 
(see Wichterle, 1978). Since then, hydrogel biomedical applications have 
included wound dressings, drug delivery systems, hemodialysis systems, arti-
fi cial skin and tissue engineering (Moise et al., 1977; Corkhill et al., 1989; 
Murphy et al., 1992; Peppas et al., 2000; Bouhadir et al., 2001; Nguyen and 
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West, 2002; Nuttleman et al., 2002; Flynn et al., 2003; Wang et al., 2003; Brown 
et al., 2005; Levesque et al., 2005; Li et al., 2006; Varghese and Elisseeff, 2006). 
The structural similarity of hydrogels to that of the human extracellular 
matrix (ECM) creates promising applications as a scaffold material for cell-
based tissue engineering (Varghese and Elisseeff, 2006).

Tissue engineering is a multidisciplinary fi eld that applies the principles 
of engineering, life sciences, cell and molecular biology toward the develop-
ment of biological substitutes to restore, maintain and improve tissue func-
tion (Mooney and Mikos, 1999). Three general components are involved 
in tissue engineering.

1 Reparative cells that can form a functional matrix.
2 An appropriate scaffold for transplantation and support.
3 Bioactive molecules, such as cytokines and growth factors that will 

support and choreograph formation of the desired tissue (Sharma and 
Elisseeff, 2004).

These three components may be used individually or in combination to 
regenerate organs or tissue.

Wichterle’s four criteria for hydrogel design parallel scaffold principles 
for cell-based tissue engineering. Scaffolds must be biocompatible and 
adapt their shape and structure to integrate with the target tissue. Hydrogels 
maintain close contact with tissues with negligible adhesion and provoke 
minimal immune response (Sawhney et al., 1994). Furthermore, scaffolds 
should be able to encase cells and to promote proliferation without injuring 
cells or permitting component extravasation. Importantly, scaffolds should 
be porous to allow the diffusion of nutrients and metabolites between cells 
and the local environment (Peppas et al., 2000; Varghese and Elisseeff, 
2006). Hydrogels have two additional advantages for tissue engineering. 
Firstly, as a potential minimally invasive application, they solidify in situ 
within a defect site in the body, thereby avoiding open surgery for implanta-
tion (Anseth et al., 2002). Hydrogels may be cross-linked under relatively 
mild conditions such that encapsulated cells survive the physical or chemi-
cal change causing gelation (Elisseeff et al., 2000; Wang et al., 2003). 
Secondly, scaffolds should be biodegradable as the cellular component 
proliferates into functional tissue, a characteristic that some hydrogels dem-
onstrate (Anseth et al., 2002). Scaffold degradation increases temporal and 
spatial control of the engineered construct (Anseth et al., 2002).

3.2 Structure and properties of 

a cross-linked hydrogel

The function of a hydrogel is, in large part, dependent on its cross-linked 
structure. The degree of cross-linking may be measured by the average 
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molecular weight of the polymer chain between cross-links. Cross-linking 
density directly effects other fundamental properties of hydrogels such as 
swelling, mechanical strength and elasticity, permeability and even diffu-
sion (Lowman and Peppas, 1999; Peppas et al., 2000). These properties, 
which may be calculated experimentally or theoretically, contribute to the 
understanding of hydrogel structure.

3.2.1 Defi nition

Hydrogels are hydrophilic cross-linked polymers that are able to swell in 
water and form an insoluble 3D network. The insoluble state and 3D struc-
ture result from polymer cross-linking. The network remains at equilibrium 
in an aqueous environment owing to the balance of elastic forces of the 
cross-linked polymer with osmotic forces of the liquid (Fig. 3.1). The chemi-
cal composition and molecular weight determine cross-linking density, 
which in turn infl uences the swelling that determines gel porosity (Rosenblatt 
et al., 1994; Peppas et al., 2000). Furthermore, it is cross-linking that is 
responsible for the behavior of hydrogels as a solid, instead of a liquid, 
allowing an elastic response to stress (Gehrke et al., 1997).

hu

Oligomers

Water

Water

Cross-linked
polymer
network

Polymer solution Solid hydrogel 

3.1 Schematic diagram of the hydrogel liquid–gel transition by 
photopolymerization. The cross-linked network may be created 
through physical cross-linking, covalent bonds or ionic bonds 
(Varghese and Elisseeff, 2006).
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3.2.2 Characterization

Swelling

Hydrogel swelling, or the amount of water absorbed, helps to defi ne the 
physical properties of hydrogels. Swelling is strongly dependent on the 
chemical structure of the polymer and inversely related to the degree of 
cross-linking density. Flory and Rehner (1943) fi rst correlated the cross-link 
density to polymer swelling in 1943 to quantify the characteristics of rubber. 
In the Flory-Rehner (1943) model, the degree of swelling is in equilibrium 
between the elastic forces of the polymer and the thermodynamic force 
because of polymer and solvent mixing. In 1977, Peppas and Merrill (1977) 
modifi ed the Flory–Rehner theory to apply to the production of hydrogels 
from polymer solutions. Owing to elastic forces, the presence of water 
modifi es the change in the chemical potential within the system (Peppas 
and Mirrill, 1977; Peppas et al., 2000). The chemical structure affects swelling 
due to the presence of chemical groups within hydrogels. For example, 
hydrogels with hydrophilic groups swell more than hydrophobic groups, 
which do not expand in the presence of water (Peppas et al., 2000). For the 
class of smart hydrogels, whose volume changes are dependent on environ-
mental conditions, swelling may also be dependent on pH, temperature or 
radiation (Lowman and Peppas, 1999).

Equilibrium swelling may be determined experimentally or be theoreti-
cally calculated. Accurate measurement of equilibrium swelling assists in 
the calculation of cross-linking density, mesh size and diffusion coeffi cients. 
Experimental methods to measure hydrogel swelling include gravimetric 
measurement following fl uid immersion, use of dedicated instruments to 
measure dimensional change, and absorbance measurement of dextran dye 
excluded from the solid phase (Noomrio et al., 2005). Measurement of 
swelling at equilibrium is an established standard; however, some stimuli-
responsive applications, such as controlled drug release, benefi t from 
dynamic measurement (Traitel et al., 2003).

Elasticity

Swollen hydrogels conform to stress with elastic behavior, which includes 
elastic stretching and its reciprocal, compression. Elasticity, similar to swell-
ing, is dependent on and may be calculated from a known cross-link density. 
A high cross-linking density results in greater mechanical strength, as well 
as decreased elasticity and swelling. For some hydrogels, greatly increasing 
the degree of cross-linking results in a brittle gel (Peppas et al., 2000). 
Therefore, the optimal degree of hydrogel cross-linking density balances 
elasticity with desired strength (Peppas et al., 2000). In synthesizing a new 
hydrogel macromer, poly(6-aminohexyl propylene phosphate), Li et al. 
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(2006) enhanced cross-linking by increasing acrylate contents to improve 
mechanical strength and to decrease the gel swelling ratio. Similarly, Kim 
et al. (2004) demonstrated greater mechanical strength with increased cross-
linking of silk fi broin due to higher gelation temperatures and higher fi broin 
concentration.

Permeability

Hydrogel porosity ξ, or mesh size, is a structural property that estimates 
the length between successive cross-links in a hydrogel. Porosity is a func-
tion of cross-linking density, monomer composition and monomer con-
centration (Lowman and Peppas, 1999). In a 1998 study of poly(ethylene 
glycol) diacrylate (PEGDA), Cruise et al. (1998) showed signifi cant changes 
in porosity characteristics when altering the molecular weight of the polymer 
and more modest changes in pore size with modifi cations in PEGDA con-
centration. Given an inert network and uniform changes in porosity, mesh 
size increases with greater swelling and decreases with decreased swelling 
(Gehrke et al., 1997). Kim et al. (2004) demonstrated a similar relationship 
in experiments with silk hydrogels, showing a decrease in pore size with an 
increase in fi broin cross-linking. Direct measurements of permeability 
include electron microscopy or quasi-elastic laser-light scattering (Stock 
and Ray, 1985). Alternatively, indirect methods may yield additional cal-
culations such as mercury porosimetry, rubber elasticity measurements and 
equilibrium swelling experiments (Canal and Peppas, 1989; Mikos et al., 
1993; Lowman and Peppas, 1997, 1999).

Diffusion

The rate of solute diffusion is important to determine drug release or trans-
port of nutrients and waste in cell-based tissue engineering. Diffusion of 
nutrients, waste or other solutes is dependent on a multitude of factors, 
including network morphology, polymer composition, water content, solute 
and polymer concentration, gel swelling and degradation (Lowman and 
Peppas, 1999). These fundamental factors may combine to create chemical 
or frictional effects that slow solute diffusion. A chemical effect describes 
the attractive force between solute and hydrogel matrix while physical size 
exclusion represents the principal frictional effect on diffusion through a 
hydrogel (Gehrke et al., 1997).

3.3 Methods to form a hydrogel

Polymer cross-linking represents the fundamental factor in the hydrogel 
structure. It affects hydrogel formation, shape, size and degradation. For 
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successful biomedical use, control over cross-linking is imperative. This 
section will review the different types of hydrogel cross-linking: coval-
ent, ionic and physical interactions (Hennink and van Nostrum, 2002). 
Furthermore, it will address specifi c hydrogel materials that exhibit each 
type of cross-linking interaction with a focus on applications for tissue 
engineering. Finally, biomimetic hydrogels will be discussed – an area with 
great promise in biomedical engineering.

3.3.1 Covalent cross-linking

Covalent cross-linking may be initiated by radical polymerization, although 
cross-linking may occur through addition reactions, condensation reactions, 
high-energy irradiation (gamma and electron beam radiation) and enzyme 
catalyzation (Hennink and van Nostrum, 2002). Before radical polymeriza-
tion begins, polymers usually require modifi cation through the addition of 
polymerizable units. For example, in poly(ethylene glycol) (PEG), acrylate 
is added to functional groups to promote covalent linkages within the 
polymer (West and Hubbell, 1995). Radical polymerization of the acrylate 
groups may then be initiated by light, thermal initiation systems or redox 
catalysts (Nguyen and West, 2002; Shung et al., 2003). Once cross-linking is 
induced, the process cannot be altered or stopped (Elisseeff et al., 2005).

Photopolymerization involves the conversion of liquid polymer solutions 
that form a gel in the presence of a photoinitiator catalyst and light (Hennink 
and van Nostrum, 2002). Photopolymerization is an ideal method for clini-
cal implantation because it enhances spatial (3D) and temporal (quick on- 
and -off) control (Williams et al., 2003). Hydrogels may be injected, shaped 
and solidifi ed in situ (Elisseeff et al., 2000). This approach is compatible 
with minimally invasive techniques and may be applied in craniofacial 
applications with transdermal photopolymerization or arthroscopic proce-
dures using a fi ber-optic light source (Anseth et al., 2002, Williams et al., 
2003).

Two covalently linked hydrogels used in tissue engineering are PEG and 
hyaluronic acid (HA), a glycosaminoglycan found in the ECM. Modifying 
the gels with bioactive molecules and/or chemical cross-link groups enhances 
their utility as scaffolds by improving biochemical functionality and mechan-
ical stability as well as slowing degradation (Segura et al., 2005). The 
Poly(ethylene glycol) acrylate (PEGA) molecules undergo radical polym-
erization and form a chemically cross-linked hydrogel (Sawhney et al., 1993; 
Martens et al., 2003). HA requires structural modifi cation of its functional 
side groups to allow for a radical cross-linking reaction (Baier Leach et al., 
2002). Baier Leach et al. reacted methacrylate groups with HA to create a 
radical photopolymerizable hydrogel. Shu et al. (2004b) synthesized thio-
lated HA and then conjugated it to PEG for the benefi t of in-situ injection, 
cell encapsulation and proliferation. PEG and HA may be further modifi ed 
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for specifi c tissue-engineering purposes. Hern and Hubbell (1998) fi rst 
modifi ed PEGA with the adhesive peptide arginyl–glycyl–aspartic acid 
(RGD) to enhance cell adhesion and to promote tissue spreading. In sepa-
rate experiments, PEG methacrylate has been modifi ed with phosphoester 
and RGD to enhance bone engineering (Burdick and Anseth 2002; Wang 
et al., 2005). Additionally, HA has been copolymerized with PEGDA + 
RGD to support cell attachment and proliferation as well as to improve 
cartilage repair (Park et al., 2003; Shu et al., 2004a).

3.3.2 Ionic cross-linking

A second type of hydrogel cross-linking occurs by ionic interactions. 
Alginate, a naturally polysaccharide found in algae, commonly forms a 
hydrogel by ionic bonds in the presence of divalent or multivalent cations 
(Lee et al., 2000b). In a reaction that occurs at room temperature and physi-
ological pH, calcium ions interact with alginate to create ionic bridges 
between polymer chains (Drury et al., 2004). Ionic interactions are weaker 
than covalent cross-linking, and alginate gels undergo rapid dissolution of 
cross-linking in physiological solution, an environment where biomedical 
hydrogels are expected to function. LeRoux et al. (1999) demonstrated 
greater than 60% decrease in mechanical strength after exposure for 15  h 
to sodium chloride solution. The mechanism responsible for cross-link deg-
radation is divalent ions exchanged for monovalent sodium cations (Lee et al., 
2000b). One example of a synthetic polymer that forms a hydrogel by ionic 
interactions with cations is poly [di(carboxylatophenoxy)phosphazene] 
(Andrianov et al., 1994).

3.3.3 Physical cross-linking

Some cross-linking agents adversely affect cells or proteins encapsulated in 
gels and have to be removed before application of the gel (Hennink and 
van Nostrum, 2002). To avoid potentially toxic metabolites, scientists have 
investigated physically cross-linking hydrogels. Hydrogen bonding, hydro-
phobic interactions and van der Waals forces are the primary interactions 
responsible for physical cross-linking. Ionic cross-linking, considered by 
some to be a physical interaction, was discussed in the previous section. 
While each individual physical bond is relatively weak, the combination of 
interactions creates a strong bond (Zhang, 2002). Zhang (2002) described 
molecular self-assembly as molecular building blocks undergoing a series 
of steps to spontaneously form a stable and defi ned network. Cross-link 
dissolution is prevented by the physical interaction between polymer chains 
(Hennink and van Nostrum, 2002). While much of Zhang’s research focuses 
on proteins, the principles of self-assembling peptides may be extended to 
synthetic polymers and natural molecules. This will be described in greater 
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detail in a later section of this chapter. Pluronics® is another example of 
physical cross-linking where its amphiphilic copolymers, poly(ethylene 
oxide) (PEO) and poly(propylene oxide), cross-link by hydrophobic inter-
actions in aqueous solution in response to temperature (Kabanov et al., 
2002).

Physical cross-linking of bioactive factors is one of the methods used to 
create biomimetic hydrogels. Growth factors remain active after encapsula-
tion to enhance the proliferation and differentiation of encapsulated cells 
or to improve local tissue regeneration (Lee et al., 2000a; Burdick et al., 
2002b). Growth factors that have been entrapped in hydrogels include bone 
morphogenetic protein-2 (BMP-2), fi broblast growth factor, vascular endo-
thelial growth factor (VEGF), insulin-like growth factor 1 (IGF-1) and 
transforming growth factor β (TGF-β), amongst others (Peters et al., 1998; 
Yamamoto et al., 1998; Tabata et al., 1999; Elisseeff et al., 2001; Lutolf 
et al., 2003). The examples in the following paragraph illustrate the effect 
of biomimetic hydrogels on three different tissues.

Lee et al. (2000a) studied neoangiogenesis resulting from VEGF in -
corporated in an alginate hydrogel and implanted in severe combined 
immunodefi cient and non-obese diabetic mice. The results demonstrated 
enhanced vascularity by histological analysis with VEGF hydrogels when 
compared with hydrogels without VEGF. When the concentration of VEGF 
release from the hydrogel was increased, it resulted in a statistically signifi -
cant increase in vascularization. To improve cartilage formation, Elisseeff 
et al. (2001) incorporated IGF-1 and transforming growth factor β1 (TGF-β1) 
in poly (ethylene oxide) dimethylacrylate hydrogels with bovine chondro-
cytes. The hydrogels containing IGF-1 and TGF-β1 demonstrated a signifi -
cant increase in glycosaminoglycan (GAG) production over hydrogels with 
one or without any of the growth factors. In an innovative trial, Lutolf 
et al. (2003) cross-linked substrates for matrix metalloprotease (MMP) and 
RGD into PEG-based hydrogels together with BMP-2 to enhance the 
healing of rat calvarial defects. The MMP substrates triggered MMP-
mediated degradation of the ECM and allowed for cell invasion and matrix 
remodeling. The BMP-2 release subsequently enhanced bone healing. 
These results demonstrated that inducing matrix degradation and local cell 
adhesion combined with growth factor release signifi cantly improved local 
bone growth by histological and radiological analysis.

3.4 Application to cell encapsulation and 

tissue engineering

This section will discuss in vitro and in vivo applications of hydrogels in 
cartilage tissue engineering. Following a review of the key factors needed 
to combine living cells with hydrogel polymers, the experimental uses for 
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hydrogels will be addressed. Cell encapsulation within hydrogels provides 
a unique method to study cartilage tissue engineering. The section will 
conclude with a summary of commonly used materials for both natural and 
synthetic hydrogels (Table 3.1).

3.4.1 Requirements of encapsulation

The requirements for cell encapsulation using hydrogels differ for in vitro 
studies and in vivo applications. The prospective hydrogel must meet certain 
minimum criteria to be considered suitable for in vitro culture: an ability to 
support cellular proliferation and phenotype, suffi cient porosity to allow for 
the desired cell density as well as nutrient and waste transport, and a lack 
of toxicity arising from the material itself, its preparation and/or its break-
down. In vivo applications additionally require the following.

1 An absence of toxic materials and breakdown products that could injure 
the host organism or individual cells.

2 Minimal infl ammatory or immunogenic response to the implanted 
material.

3 Suffi cient structural integrity for the task (i.e. subcutaneous implants 
versus articular cartilage repairs).

3.4.2 Applications of hydrogel cell encapsulation

In vitro applications

Hydrogel scaffolds play several important roles in in vitro tissue-
engineering research. For example, hydrogels are used to form a controlled 

Table 3.1 Natural and synthetic polymers commonly used in the synthesis of 
hydrogels (Peppas et al., 2000; Varghese and Elisseeff, 2006)

Natural hydrogels Synthetic polymers

Hyaluronic acid (HA) Hydroxyethyl methacrylate (HEMA)
Chondroitin sulfate Methoxyethyl methacrylate (MEMA)
Matrigel N-vinyl-2-pyrrolidone (NVP)
Alginate N-isopropyl Aam (NIPAAm)
Collagen Acrylic Acid (AA)
Fibrin Poly(ethylene glycol) acrylate (PEGA)
Chitosan Poly(ethylene oxide) diacrylate (poly(ethylene
Silk  glycol) diacrylate (PEGDA))
Gelatin Poly(vinyl alcohol) (PVA)
Agarose Poly(fumarates)
Dextran
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extracellular environment for the study of 3D cell–cell and cell–ECM inter-
actions. The design and synthesis of engineered tissues with specifi c proper-
ties require detailed knowledge of the interactions of cells with other 
cells, bioactive factors and their microenvironment. It has been observed 
that certain cell types (e.g. chondrocytes) will dedifferentiate in two-
dimensional culture (von der Mark et al., 1977; Benya and Shaffer, 1982), 
whereas maintenance of their phenotype is supported in 3D culture (Homicz 
et al., 2003). In fact, there is interest in 3D culture of harvested human 
chondrocytes for use in autologous chondrocyte transplantation to prevent 
or reverse dedifferentiation due to monolayer expansion (Homicz et al., 
2003).

Hydrogels have also been modifi ed with bioactive factors and cell adhe-
sion peptides to improve tissue generation. Several groups have reported 
enhanced proliferation of cells encapsulated within scaffolds modifi ed with 
the RGD cell adhesion peptide (Rowley et al., 1999; Alsberg et al., 2001, 
2002; Hsu et al., 2004). Lee et al. (2004a) incorporated TGF-β1 into a chi-
tosan scaffold in which chondrocytes were cultured. The chondrocytes cul-
tured in scaffolds containing TGF-β1 exhibited signifi cantly greater 
proliferation and GAG and type II collagen production than did chondro-
cytes cultured in control scaffolds lacking TGF-β1.

The microstructure of the scaffold has also been shown to have an effect 
on cultured cells. Hydrogels synthesized from self-assembling synthetic 
oligopeptides exhibit a fi brillar microstructure approximately three orders 
of magnitude smaller than synthetic polymer hydrogels such as PEO, 
poly(lactic acid) (PLA) and poly(glycolic acid) (PGA) and more closely 
resembles the scale of native ECM (Kisiday et al., 2002). Kisiday et al. 
(2002) cultured chondrocytes in a synthetic peptide-based hydrogel 
(KLD-12), comparing their proliferation, matrix secretion and mechanical 
properties with conventional chondrocyte-agarose scaffolds. Chondrocytes 
cultured in the peptide hydrogel proliferated signifi cantly more than those 
cultured in the agarose scaffold, although their mechanical properties, his-
tological appearance and biochemical compositions were similar.

In vivo applications

Hydrogel scaffolds are also used extensively for in vivo tissue-engineering 
research. They are most commonly used as a vehicle for cells and/or bio-
active factors, the ultimate goal of which is to support the growth and 
development of healthy tissue as well as its integration into surrounding 
tissue. In this setting, the scaffold must be biocompatible with the host 
tissue, without releasing toxic materials or inciting a marked infl ammatory 
response. In addition, the scaffold must have suffi cient strength and resil-
ience to function where it is implanted without premature breakdown. The 
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current in vivo use of hydrogels in cartilage engineering involves implanta-
tion of a hydrogel scaffold (usually subcutaneously) in order to deter-
mine the ability to generate a tissue that resembles cartilage (Fig. 3.2). 
Alternatively a cartilage defect may be created followed by application of 
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3.2 Schematic illustration for the strategy of hydrogel–cartilage 
integration by tissue-initiated photopolymerization. Individual steps of 
the process are as follows: step �1 , clearance of the proteoglycans in 
cartilage by chondroitinase to expose the collagen network; step �2 , 
in situ generation of tyrosyl radicals by photo-oxidation of tyrosine 
residues on collagen with H2O2 under low intensity ultraviolet irradia-
tion; step �3, introduction of a macromer solution and in situ photo-
gelation via tyrosyl radical initiation and ultraviolet excitation (Wang 
et al., 2004). (Reprinted with permission from Wiley Interscience ©).
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a hydrogel–chondrocyte scaffold to assess healing. Several groups have 
demonstrated in vivo secretion of cartilaginous matrix using chondrocytes 
encapsulated in hydrogels derived from fi brin (Westreich et al., 2004; Xu 
et al., 2004, 2005); agarose (Diduch et al., 2000), alginate (Paige et al., 1996; 
Alsberg et al., 2003; Chang et al., 2003; Kamil et al., 2004), chitosan (Chenite 
et al., 2000; Hoemann et al., 2005), HA (Dausse et al., 2003; Hsu et al., 2004; 
Nettles et al., 2004), and synthetic polymers such as PLA, PGA and PEO 
(Elisseeff et al., 1999b; Mercier et al., 2004; Alhadlaq and Muo, 2005). 
Again, it is diffi cult to draw broad conclusions about the suitability of 
various hydrogels for tissue engineering, owing to the wide variability in 
experimental design and technique. The use of hydrogels to support chon-
drocyte growth and matrix production is well established. Current efforts 
are focusing on bringing hydrogels closer to clinical applications.

3.4.3 Cartilage tissue engineering using hydrogels

The following is a brief overview of recent work on natural and synthetic 
hydrogels in cartilage tissue engineering. What follows is a description of 
the most common hydrogels in use, as well as novel materials and tech-
niques that show promise for clinical application of tissue engineering. 
Examples of in vitro and in vivo applications will be provided, and the 
advantages and disadvantages of each material will be discussed. A com-
prehensive description of every hydrogel in use is beyond the scope of this 
chapter.

Natural hydrogels

Fibrin

Enzymatic cleavage of soluble fi brinogen, a blood plasma protein, by 
thrombin yields fi brin which undergoes spontaneous polymerization under 
physiological conditions (Frenkel and Di Cesare, 2004). The result is a soft 
gel capable of supporting chondrocyte growth and function. Xu et al. (2005) 
described the generation of a fl exible ear-shaped construct using swine 
auricular chondrocytes encapsulated in a fi brin construct, which was then 
laminated between two sheets of lyophilized swine perichondium. This 
construct was then implanted into nude mice, subjected to gross mechanical 
manipulation after 6 weeks (while still implanted) and explanted after 12 
weeks for histological analysis. Control constructs were generated without 
the perichondrium layer. The experimental and control constructs were 
similar in gross and histological appearance, with well-formed cartilaginous 
tissue. The experimental constructs were signifi cantly more fl exible than 
the controls, and much more closely approximated the properties of 
native ear cartilage. It was noted, however, that fi brin-based hydrogels 
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demonstrated inconsistent support of cartilage growth in immunocompe-
tent organisms.

In a separate experiment, Westreich et al. (2004) demonstrated consistent 
successful autotransplantation of rabbit auricular chondrocytes encapsulated 
in Tisseel, a commercially available human fi brin preparation. Constructs 
were prepared with and without IGF-1 and/or basic fi broblast growth factor. 
The constructs were implanted subcutaneously, harvested after 3 months and 
analyzed for chondrocyte viability, matrix production, necrosis, infl amma-
tion and angiogenesis. Of note, 85% of constructs prepared without a growth 
factor formed cartilage-like tissue, compared with only 28% of those with a 
growth factor. This experiment showed that cartilage could be formed with 
a reasonable success rate using a fi brin scaffold. The advantage of fi brin is 
that it is readily available as a commercial product that many surgeons have 
already used clinically. However, it is mechanically weak when fi rst formed 
and thus unlikely to be suitable for high-load-bearing applications.

Chitosan

Chitosan is a polysaccharide derived from chitin (found in arthropod 
exoskeletons) that has been partially or fully deacetylated (Chenite et al., 
2000). It is a cationic polymer composed of linear chains of β-linked d-
glucosamine residues. Alkalinization of an aqueous solution of chitosan to 
a pH greater than 6.2 results in the precipitation of a hydrogel due to ionic 
forces (Hoemann et al., 2005). Chenite et al. (2000) described mixing chi-
tosan with glycerol phosphate to synthesize a hydrogel that is liquid at room 
temperature and physiological pH, but which gels at body temperature. 
Chondrocytes were mixed with the thermogelling chitosan and cultured in 
vitro or implanted subcutaneously in nude mice. The subcutaneous implants 
were explanted after 4 weeks and subjected to histological analysis for 
matrix production using Von Kossa and toluidine blue staining. In vitro 
constructs were analyzed for chondrocyte viability using live–dead staining. 
Maintenance of chondrocyte viability and phenotype, as well as matrix 
production was observed. Hoemann et al. (2005) used thermogelling chito-
san to encapsulate chondrocytes for in vitro culture as well as implantation 
into rabbit knee articular defects. The constructs were observed to still be 
in place after 1 week in a fully mobile load-bearing rabbit joint, although 
the time period was insuffi cient for signifi cant neocartilage formation.

Chitosan represents a promising scaffold for cartilage tissue engineering. 
Its chemical composition directly affects its properties in vivo. As the degree 
of deacetylation of chitosan increases, its residence time in vivo increases 
and the infl ammatory reaction that it incites decreases (Chenite, 2000). As 
a polycationic molecule, chitosan naturally adheres to biological tissues, 
which usually have a net negative surface charge. This may explain its 
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retention in rabbit articular defects despite free joint mobility (Hoemann 
et al., 2005), and despite chitosan’s initial lack of mechanical strength. In 
addition, chitosan preparations do not rely on potentially toxic cross-linking 
agents or organic solvents, thus minimizing toxicity to encapsulated cells or 
the host in which it is implanted (Chenite et al., 2000).

Alginate

Alginates are polysaccharides derived from seaweed, consisting of a family 
of linear mannuronate–guluronate copolymers that differ in their sequence 
and specifi c composition (Rowley et al., 1999). Addition of a divalent cation 
such as calcium results in the polymerization of alginate to form an insolu-
ble hydrogel. The polymerization of alginate is mediated by ionic forces 
and is completely reversible by chelating the divalent cation used for polym-
erization (Paige et al., 1996). Alginate hydrogels have been used to encap-
sulate chondrocytes and for growth factor delivery (Suzuki et al., 2000).

Support of chondrocyte growth and matrix secretion during 3D culture 
in alginate is well documented (Paige et al., 1996; Rowley et al., 1999; Kamil 
et al., 2004; Chia et al., 2005). Chia et al. (2005) cultured human nasal septal 
chondrocytes in alginate and compared them with controls in monolayer 
culture. The outcomes studied were proliferation, collagen synthesis and 
GAG synthesis. Chondrocytes cultured in alginate proliferated less than 
those in monolayer but produced signifi cantly more GAG and type II col-
lagen. In comparison, chondrocytes in monolayer culture demonstrated 
greater type I collagen synthesis and minimal GAG secretion.

Alginate hydrogels are useful for cartilage tissue engineering, because of 
their lack of toxicity, their ease of handling and their minimal infl ammatory 
response (Kamil et al., 2004). As with most hydrogels, their mechanical 
strength is suffi cient for non-load-bearing applications, or for implantation 
after in vitro or in vivo culture for several weeks, but their initial fragility 
is a problem for high-stress environments such as weight-bearing joints. 
One interesting application of alginate is in the promotion of chondrocyte 
phenotype and enhanced function during in vitro culture. Following culture, 
the hydrogel is dissolved with a chelating agent and the expanded chondro-
cytes are recovered for use, e.g. in autologous chondrocyte transplantation 
(Diduch et al., 2000; Homicz et al., 2003). Other investigators have studied 
modifi cations of alginate in order to control more precisely its mechanical 
properties and degradation rate. Strategies have involved altering the 
molecular weight of the polymer chains that make up the hydrogel, the use 
of partial oxidation to form hydrolyzable points in the polysaccharide chain, 
and the functionalization of residues along the polysaccharide chain in 
order to make use of covalent cross-linking with more predictable mechani-
cal and degradation characteristics (Kong et al., 2004; Lee et al., 2001, 2004b; 
Boontheekul et al., 2005).
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Homicz et al. (2003) studied the redifferentiation of human nasal septal 
chondrocytes in three culture systems: alginate, PGA fi bre and a high-density 
monolayer. Chondrocytes were subjected to initial monolayer expansion 
prior to seeding in each of these three systems. The chondrocytes were noted 
to have an elongated fi broblastic morphology after initial expansion. Outcome 
measures included morphological analysis, morphological quantifi cation of 
proliferation, and GAG synthesis. It was observed that chondrocytes regained 
their native morphology in alginate culture and produced large quantities of 
GAG, although their proliferation was signifi cantly less than that observed in 
a high-density monolayer. In contrast, chondrocytes proliferated in a high-
density monolayer, but the total GAG content and GAG per cell were signifi -
cantly less than that produced by chondrocytes culture in alginate.

Hyaluronan

Hyaluronan (i.e. HA) is a polysaccharide that is naturally found in cartilage 
ECM and in synovial fl uid. Hyaluronan injection has been used to treat the 
symptoms of osteoarthritis, and hyaluronan has been shown to have a 
stimulatory effect on chondrocyte matrix secretion (Akmal et al., 2005). 
Hyalograft C, a commercially available tissue-engineered graft composed 
of autologous chondrocytes seeded on to a preformed nonwoven HA scaf-
fold, has been in clinical use since 1999 in Europe for the treatment of 
full-thickness osteochondral defects (Marcacci et al., 2005). Nettles et al. 
(2004) recently described the synthesis of methacrylate-modifi ed hyaluro-
nan which, when mixed with a photoinitiator, is capable of photo-cross-
linking in situ to form a stable hydrogel. This hydrogel was similar to others 
in terms of mechanical properties and supported chondrocyte growth and 
matrix secretion in vitro. It was also noted that application of photo-cross-
linked hyaluronan to a rabbit knee osteochondral defect, without cells or 
growth factors, led to infi ltration of surrounding cells into the hydrogel and 
new tissue formation by 2 weeks. This neocartilage was well integrated with 
surrounding tissue but was fi brocartilaginous in nature. The properties of 
hyaluronan hydrogels may be easily modifi ed by altering the amount of 
hyaluronan, the degree of modifi cation (i.e. methacrylation), the degree 
of cross-linking, the chemical nature of the modifying entity (Nettles et al., 
2004), as well as by adding specifi c functional moieties such as RGD-
containing cell adhesion peptides and growth factors (Hsu et al., 2004). 
Further study will be necessary to determine the suitability of hyaluronan 
hydrogels for various potential clinical applications.

Synthetic polymers

Poly(ethylene oxide)

PEO is a synthetic polymer used in cartilage tissue engineering. The low-
molecular-weight form of PEO is known as PEG. It may be modifi ed to 
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yield a photo-cross-linkable polymer that forms a solid hydrogel on expo-
sure to light. This photopolymer can be used to encapsulate chondrocytes 
and growth factors for tissue-engineering applications (Elisseeff et al., 
1999a, 1999b). There is substantial interest in photopolymerizing polymers 
for tissue engineering because they lend themselves to minimally invasive 
applications and they offer the ability to control precisely the formation of 
engineered tissues (Elisseeff et al., 1999a, 1999b).

It has been observed that altering the cross-linking density of the polym-
erized hydrogel has a profound impact on chondrocyte proliferation and 
matrix synthesis. Bryant et al. (2004) encapsulated chondrocytes in PEG 
hydrogels with two different cross-linking densities (10% and 20%) of 
poly(ethylene glycol) dimethylacrylate (PEGDM), under free-swelling and 
dynamic loading conditions. Outcome measures were proliferation and 
GAG synthesis. It was shown that higher cross-linking densities were asso-
ciated with lower proliferation and GAG synthesis. In addition, dynamic 
loading (0–15% compression at 1  Hz) resulted in signifi cantly lower pro-
liferation compared with free-swelling controls, and signifi cantly lower 
GAG synthesis in the 20% PEGDM hydrogel.

Alterations in hydrogel degradation rate also appear to have a signifi cant 
effect on the structure of engineered tissue. Bryant et al. (2003) generated 
a hydrogel composed of a copolymer of degradable PLA-b-PEG-b-PLA 
and nondegradable PEGDM. Varying the ratio of the degradable and 
nondegradable components generated hydrogels with a range of degrada-
tion profi les. It was observed that total deoxyribonucleic acid (DNA) 
content after in vitro culture for 6 weeks in the hydrogels with 75–85% 
degradable copolymer was nearly twice that in the hydrogels with 50% 
degradable polymer. Furthermore, the total collagen content in the 85% 
hydrogel was signifi cantly higher than that in the 50% gel. Interestingly, 
the degradation of the hydrogels had a signifi cant infl uence on the distribu-
tion of secreted matrix components. The gels with higher degradable cross-
links showed type II collagen throughout the gel, while type II collagen was 
confi ned to the pericellular region in the 50% gels.

Our group and others have studied the construction of osteochondral 
engineered tissues by generating bilayered constructs using sequential pho-
topolymerization (Alhadlaq and Mao, 2003, 2005). A refi nement of this 
technique involves the use of 3D photolithography. This technique, 
described by Liu and Bhatia (2002), involves using a printed mask to pho-
topolymerize selectively a PEGDA solution containing fl uorescent-stained 
cells within a specially constructed chamber. By utilizing different masks in 
sequence, a complex, fi ne-resolution and spatially organized structure con-
taining discrete cell populations was generated. This highlights the potential 
of photo-cross-linkable polymers to be used to engineer complex structures 
that may more closely approximate native tissues.
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Poly(vinyl alcohol)

Poly(vinyl alcohol) (PVA) is synthesized from poly(vinyl acetate) by hydro-
lysis, alcoholysis or aminolysis (Lee and Mooney, 2001). It forms hydrogels 
by covalent cross-linking in the presence of glutaraldehyde in an acid envi-
ronment (Nuttelman et al., 2001). Once polymerized, it is essentially non-
degradable in vivo, although a photopolymerizable degradable PVA-based 
hydrogel has been described (Nuttelman et al., 2002). The primary advan-
tage of PVA is that it forms a relatively strong, elastic and fl exible hydrogel 
that has abundant functional sites for the attachment of peptides, growth 
factors and adhesion molecules. For example, Nuttelman et al. (2001) syn-
thesized a PVA hydrogel covalently modifi ed with fi bronectin and studied 
fi broblast attachment and proliferation on this matrix. Fibroblast attach-
ment was signifi cantly enhanced on the modifi ed PVA hydrogel compared 
with unmodifi ed PVA, and proliferation was greater than that observed on 
tissue-culture polystyrene. However, the polymerization of PVA requires 
reagents and conditions that are not suitable for in situ applications.

Synthetic self-assembling peptides

A novel class of synthetic peptides spontaneously assembles to form hydro-
gels based on changes in pH and/or ionic strength. These peptides are 
characterized by a self-complementary structure of regularly alternating 
units of positively and negatively charged residues separated by hydro-
phobic residues (Holmes, 2002). These peptides self-assemble under spe-
cifi c conditions of pH and ionic strength to form β-sheet structures that then 
aggregate to form a hydrogel composed of interweaving nanofi bers (Kisiday 
et al., 2002). The unique feature of these hydrogels is their fi brillar micro-
structure, which is approximately three orders of magnitude smaller than 
that of other polymer hydrogels (Holmes, 2002). Kisiday et al. (2002) encap-
sulated chondrocytes in a peptide-based hydrogel for 3D in vitro culture. 
Maintenance of chondrocyte phenotype and matrix secretion was observed 
as for other hydrogels, but the proliferation of chondrocytes cultured in 
the peptide hydrogel was signifi cantly higher than in agarose (Kisiday et al., 
2002, 2004). Peptide hydrogels offer nearly unlimited design potential 
because of the ability to vary the sequence and composition of the com-
ponent peptides. In addition, functional domains such as the RGD cell 
adhesion motif may be easily incorporated into the peptide (Holmes, 2002).

3.5 Future trends

At this point, the ability of a wide variety of materials to support the growth 
and function of chondrocytes and chondrogenic capable stem cells is well 
documented. Hydrogels, in particular, offer the potential for minimally 
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invasive applications using materials with proven biocompatibility and little 
or no toxicity and immunogenic potential. As discussed earlier in this 
chapter a promising technology includes self-assembling hydrogels. Self-
assembling hydrogels allow for increased control over in situ polymeriza-
tion and are suitable for minimally invasive applications that will probably 
speed their translation into clinical use. In addition, the fi brillar micro-
structure of self-assembling hydrogels has the potential to better mimic the 
structure of native cartilage ECM, thereby enhancing tissue-engineered 
cartilage.

Biomimetic hydrogels have great potential for in vivo applications of 
tissue engineering. Growth factors and other bioactive molecules that are 
regularly added to media to enhance in vitro chondrogenic differentiation 
are now added to hydrogel for local delivery with in vivo implants. Greater 
control over the release of growth factors when needed by encapsulated 
cells should signifi cantly improve cartilage tissue production.

As a class, hydrogels suffer from poor mechanical strength, particularly 
immediately after encapsulation and in the setting of high-stress environ-
ments. Since there is such a large range of hydrogels that can potentially 
be used in tissue-engineering applications, and those hydrogels may be 
further customized by the addition of structural and functional modifi ca-
tions, a hit-or-miss approach to material selection and design is unlikely to 
yield optimal results with an acceptable expenditure of time or resources. 
A rational design approach to material engineering, in terms of both the 
mechanical properties and the ability to support cell growth and function, 
is probably required. Thorough and systematic materials testing, possibly 
making use of the tools of high-throughput materials analysis, will reveal 
trends in hydrogel parameters that may then be used to focus efforts to 
optimize these materials (Abramson et al., 2005; Anderson et al., 2005). An 
integral part of this effort will be correlating the microstructural, biochemi-
cal, histological and mechanical properties of hydrogels and the tissues 
engineered from them.

An emerging trend in cartilage engineering is the awareness of the effects 
of dynamic stresses on engineered and native tissues. As the ultrastructural 
features of a given hydrogel affect how it reacts to and transmits stresses 
to the cells that reside within it, detailed study of the structural and mechan-
ical properties and how they affect cellular growth and function will become 
more important.

Finally, there is a need for further studies of tissue-engineered cartilage 
in large-animal models. The current focus on in vitro and small-animal 
in vivo studies is appropriate for answering fundamental questions regard-
ing the properties of engineered tissues, but translation to large-animal 
models will be critical for clinical translation. As certain tissue-engineering 
techniques come closer to clinical application, there will be a need for 
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in vivo testing that more closely approximates the conditions and stresses 
that will be encountered by engineered tissues implanted in humans.

3.6 Sources of further information and advice

Lowman and Peppas (1999) provided an excellent summary of hydrogels 
in their book. They described the structure and properties, classifi cation and 
applications of hydrogels.

Varghese and Elisseeff (2006) have reviewed natural and synthetic hydro-
gels and their applications to musculoskeletal tissue engineering. They 
addressed current applications in regenerative medicine including bio-
mimetic hydrogels containing bioactive factors and hydrogels as scaffolds 
for mesenchymal and embryonic stem cells to create biological implants.

Drury and Mooney (2003) have reviewed hydrogel materials and hydro-
gel design variables in applications for space-fi lling defect sites and for 
delivery of bioactive molecules and cells.

Tirelli et al. (2002), in a review article, described their laboratory’s 
research into augmenting PEG with other polymers and varying end groups 
for specifi c hydrogel functionalization.

Peter et al. (1998) discussed the applications of hydrogels in skeletal 
tissue engineering and their complementary role with current surgical ther-
apies. The review focuses on bone tissue engineering using biodegradable 
hydrogels.

The Society for Biomaterials is a professional society that promotes 
advances in biomaterials research and development. Their website www.
biomaterials.org provides links to special interest groups including one 
dedicated to tissue engineering.

The Materials Research Society is a professional organization of materi-
als researchers that promotes the advancement of interdisciplinary materi-
als research. The society hosts semiannual meetings and monthly bulletins 
including hydrogels and tissue engineering. More information may be found 
on their website www.mrs.org.
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4.1 Introduction

The development of numerous biodegradable polymers for drug delivery 
applications has been signifi cant but diffi culties remain for researchers, 
who hope to produce effi cacious drug release profi les, all while avoiding 
pharmacological or toxicological effects from the base polymer. What have 
resulted are numerous synthetic alternatives for polymer biomaterials 
retaining bioactivity in vivo; yet, now with advanced recombinant tech-
nology, pharmaceutical scientists are now also exploring genetically engi-
neered polymers. A defi ning therapeutic feature of a biodegradable polymer 
used in modern drug delivery is facile degradation into oligomers or 
monomers with concomitant kinetically controlled-drug-release profi les. 
Biodegradable drug carriers are responsible for delivering drugs and then 
typically degrading through hydrolysis or common proteases for physiologi-
cal clearance. However, the use of biodegradable polymers for drug deliv-
ery is not widespread, in part because of the fear of systemic retention and 
inability to clear the polymers from the body – commonly termed the mac-
romolecular syndrome.1–5 The residence time of polymers within cellular 
compartments has been an issue of some concern regarding biocompati-
bility and possible long-term toxicological effects; thus biocompatibility 
remains a prime concern for sustained-drug-release systems. Therefore, 
there are numerous drug delivery applications for which biodegradable and 
biocompatible polymers are intended with the underlying onus of con-
trolled drug release through controlled polymer degradation. This chapter 
will not be an inclusive list of all biodegradable polymers; however, the 
intent is to highlight the major species of both synthetic and recombinant 
systems with detailed design, synthesis, degradation and current status in 
the literature.
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4.2 Synthetic biodegradable block copolymers: 

polyanhydrides, polyalkylcyanoacrylates, 

polyphosphazenes and polyphosphoesters

Biodegradable polymers are designed for in vivo destruction into biocom-
patible oligomer or monomer units recognized as common metabolic 
species for clearance from the body. Moreover, degradation rates and pos-
sible side products must be considered for the intended application of the 
delivery system. The intent of biodegradable polymers is the continued 
transient breakdown of the polymer preventing long-term residence in vivo 
(common with biostable implants) or intracellular sequestration (macro-
molecular syndrome). Thus, this section focuses upon the wide range of 
synthetic polymers appropriate for these designs.

4.2.1 Polyanhydrides

In 1909, Bucher and Slade6 from Brown University reported the relative 
ease of terephthalic acid and isophthalic acid anhydride synthesis using high 
temperatures. From there, the synthesis of polyanhydrides has been shown 
through a number of different techniques including melt polycondensa-
tion,7 dehydrochlorination,7 dehydrative coupling,7 and ring-opening polym-
erization.8 For high-molecular-weight polyanhydrides, Domb and Langer9 
used dehydration of diacid monomers to form mixed acetic anhydrides fol-
lowing excess acetic anhydride refl ux. Further syntheses of polyanhydrides 
have resulted in two alternative species with one possessing the anhydride 
bond in the polymer backbone and the other with the anhydride as a side 
group (Fig. 4.1).

Polyanhydrides are one of the most highly studied biodegradable polymer 
classes in the literature, no doubt owing in part to the low cost, ease and 
control of synthesis with degradation products of acid counterparts. In 1983, 
Langer’s group10 identifi ed the highly labile anhydride linkage (Fig. 1) for 
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O
OO n

4.1 Polyanhydride structure showing the hydrophobic backbone 
facilitated by alkane substitution at the R position and the use of the 
anhydride functional group in the polymer backbone or in a side 
chain.
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hydrolytically biodegradable polymer drug delivery systems by showing 
zeroth-order release of cholic acid. Subsequent work11 showed that the 
degradation rates could be readily controlled by the local hydrophobicity 
within poly[bis(p-carboxyphenoxy) alkane anhydrides] and increasing the 
pH with biocompatibility studies12 showing no corneal infl ammation over 
6 weeks and little subcutaneous infl ammation over 6 months. Thus inspired, 
translation of polyanhydrides to the clinic has produced Gliadel® (polifepro-
san 20 carmustine implant), a biodegradable disk containing carmustine 
indicated for newly diagnosed high-grade malignant gliomas and recurrent 
glioblastoma multiforme. As an adjunct to surgical resection and radio-
therapy, Gliadel® remains the only treatment approved by the Food and 
Drug Administration for localized biodegradable drug delivery utilizing a 
biodegradable matrix of 20  :  80 molar ratio poly [(carboxyphenoxy)
propane–sebacic anhydride] (Fig. 4.2).13,14 Block copolymers containing 
poly(sebacic acid) have also been shown by poly(sebacic acid-co-ricinoleic 
acid),15,16 poly(fumaric-co-sebacic anhydride).17 The backbone of the hydro-
phobic polyanhydrides precludes rapid degradation of the monolithic 
matrix by precluding hydration of the inner core; however, surface erosion 
readily occurs through hydrolytic cleavage of the anhydride bonds. Thus, 
the degradation rate of polyanhydrides is controlled in large part by 
monomer composition, especially the hydrophobic R group (Fig. 4.1), illus-
trated with faster degradation with anhydride bonds between aliphatic 
rather than aromatic carboxylic acids.11

4.2.2 Polyalkylcyanoacrylates

A relative newcomer to polymer-based drug delivery, polyalkylcyanoacry-
lates (PACAs) emerged through the seminal papers by Speiser’s group18,19 
with evolved syntheses through free-radical, anionic or zwitterionic polym-
erization. Controlled desiccated free-radical or anionic polymerization 
are most common owing to rapid polymerization kinetics at ambient condi-
tions and with common physiological initiators such as water and amino 
acids. It is this property that makes PACAs an ideal choice for a tissue 
binding agent, beyond the scope of this review. Moreover, PACAs have 
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4.2 Poly[(carboxyphenoxy)propane–sebacic acid], the biodegradable 
polymer matrix found in Gliadel®.
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evolved diverse versatility as drug nanoparticle carriers for indomethacin,20 
gangliosides,21 oligonucleotides,22 anti-epileptic medications including 
Ethosuximide,23 insulin,24 saquinavir,25 hemoglobin26 and nucleoside ana-
logues against human immonodefi ciency virus (HIV).27 PACAs rely upon 
hydrolytic cleavage of the carbon–carbon bonds by high inductive activa-
tion of the methylene hydrogens by the electron-withdrawing cyano and 
–COOR groups (Fig. 4.3). The alkyl length of the polymer in effect deter-
mines the rate and degree of biodegradation;28,29 however, lower alkyl deri-
vates such as poly (methyl cyanoacrylate) deleteriously degrades into 
cyanoacetic and formaldehyde by-products through enzymatic cleavage of 
the ester function, thereby necessitating the synthesis with higher alkyl 
derivatives with most alternatives as isobutyl derivates. Translational 
research into poly(ethylene glycol) (PEG)–PACAs30,31 and actively targeted 
PACA systems32,33 have shown great promise for use in vivo such as the 
recently completed phase I and phase II studies of Doxorubicin Transdrug® 
for primary liver cancer.

4.2.3 Polyphosphazenes

Initially, the striking difference between polyphosphazenes and other 
established polymers for drug delivery is the inorganic polymer backbone 
(Fig. 4.4). Furthermore, the polymer possesses two sites for substitution (R 
and R′) to afford the polymer alternative degradation kinetics34,35 and func-
tional groups for drug conjugation and presentation of targeting moieties. 
The capacity for alternative combinations at these substitution sites grants 

CH2 C

CN

C O

OR

n

4.3 PACA structure showing the highly activated methylene hydrogen 
atoms from the neighboring cyano and –COOR groups.

N P

R

R'
n

4.4 Polyphosphazene monomer unit.
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polyphosphazenes high fl exibility for a number of applications. Allcock’s 
group fi rst reported the synthesis of polyphosphazenes in 1965 wherein 
thermoregulated ring-opening polymerization of hexachlorocyclotriphos-
phazene resulted in linear high-molecular-weight polydichlorophosphazene. 
Subsequently, dichlorinated polyphosphazene was duly substituted with 
alkoyx, aryloxy or amino groups,36 From this seminal work, typical side-
group substitution has been shown with amino acid esters,34,37–42 aryloxy,43 
poly(N-isopropylacrylamide),44 oligoethyleneglycol,45 glyceryl,46 glucosyl,47 
imidazolyl,48,49 2-dimethylaminoethanol,50 2-dimethylaminoethylamine50 
and lactose51 derivatives. These homogeneous or heterogeneous side groups 
control the degradation characteristics of polyphosphazenes through their 
gross physicochemical properties and the ratios derivatized into the poly-
phosphazene. Hydrolytically unstable polyphosphazenes result from the 
choice of side-group substituents, regardless of the biodegradation products 
produce phosphates, ammonia and the accompanying free side groups.

Polyphosphazenes have been used for controlled release of naproxen,38,39,49 
calcitonin,52 colchicines,53 (diamine)platinum,54 (dach)platinum (II),55 
insulin,56 other model proteins57,58 methylprednisolone,59,60 methotrexate,61 
tacrolimus,62 tempamine63 and plasmid decxynbonucleic acid.50 Studies of 
blood biocompatibility in vitro with polyorganophosphazenes have shown 
no morphological changes nor aggregation with platelets,64 good biocom-
patibility 30 days after transplantation65 and normal bone histomorphome-
try;52 however, numerous studies have demonstrated nonfavorable results 
with polyorganophosphazene stents producing a histiolymphocytic and 
fi bromuscular reaction.41,66 The fi rst long-term biocompatibility in vivo study 
with polyphosphazene was reported in 2003 by Huang et al.67 with a porcine 
coronary stent model, which showed no signs of hyperplasia nor prolifera-
tive response after 6 months.

4.2.4 Polyphosphoesters

In the same family as polyphosphazenes, polyphosphoesters (PPEs) are 
inorganic polymers developed in the early 1970s68 as analogs of nucleic 
acids. Further research found synthetic scheme via polycondensation69–72 
and ring-opening polymerization.73 As Fig. 4.5 shows, PPEs contain two 
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4.5 Poly(ε-caprolactone) monomer unit.
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substitution sites, R and R′, which subdivide into three PPE families based 
upon R′ substitution: R′ = H, polyphosphites; R′ = alkyl or aryl group, 
polyphosphonates; R′ = alkoxy or aryloxy group, polyphosphates. Biode-
gradation of the phosphate bonds in the PPE backbone by hydrolysis and/
or enzymatic cleavage result in phosphate, alcohol and diols. Hence, bio-
degradation may be controlled by substitution of the R and R′ side groups 
for homopolymers and the polymer backbone may be altered for block 
copolymers for alternative physicochemical properties. To date, biocom-
patibility studies have been quite favorable, showing limited toxicity.74

Numerous studies by Leong’s group have utilized PPEs for block copo-
lymer design including poly(2-aminoethyl propylene phosphate) (PPE-EA) 
for gene delivery74–78 and PPE microspheres for nerve growth factor deliv-
ery.79,80 In vivo studies with the Paclimer delivery system, 10% w/w pacli-
taxel encapsulated in biodegradable polyphosphoester microspheres, with 
a single intratumoral or intraperitonel injection showed 80% release of the 
drug after 90 days in a human lung cancer xenograft model. This sustained 
release showed signifi cant inhibition of nonsmall cell lung cancer nodules 
with threefold to sixfold longer tumor doubling times compared with free 
paclitaxel and vehicle controls.81 Next, Paclimer was evaluated for its ability 
to cross the blood–brain barrier to treat 9L gliosarcomas with intracranial 
implants releasing active paclixtaxel. Sustained release of paclitaxel contin-
ued for 30 days following intracranial implantation with an approximately 
twofold increase in the mean survival time against negative controls; 
however, gross morphology showed favorable biocompatibility proper-
ties.82 A recent translational canine study to evaluate dose escalation and 
neurotoxicity showed excellent results throughout the 120-day study with 
no evidence of systemic toxicity, gross morphological or physiological 
changes with the animals.83 Two levels of paclitaxel loading, 10% and 40% 
w/w with the Paclimer vehicle, were studied for locally injected treatment 
of orthotopic LNCaP tumors. 28 days post-injection the harvested tumors 
showed signifi cant reduction in tumor growth; moreover, TSU-xenografts 
treated with adjuvant radiotherapy enhanced tumor growth inhibition, indi-
cating retention of the synergistic properties of paclitaxel with radiation.84 
Paclimer is currently in phase I clinical trials for sustained-release therapy 
for ovarient or primary peritoneal carcinomas.85 While this study was dis-
continued before the maximum tolerated dose was defi ned, paclitaxel levels 
were maintained over the 8-week therapy window with plasma concentra-
tions well below toxic levels.85

4.3 Biodegradable polyesters for drug delivery

Polyesters represent perhaps the largest family of biodegradable polymers 
including aliphatic polyesters such as poly(glycolic acid) (PGA), poly(lactic 
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acid) (PLA), poly(lactide-co-glycolide) (PLGA), polydioxanone, polygly-
conate, polycaprolactone, and BAK, a polyesteramide manufactured by 
Bayer AG.86 Table 4.1 lists the major biodegradable polyesters in drug 
delivery. Polyesters are the reactive products of polyhydric alcohols and 
polybasic organic acids described as early as the 1920s and 1930s,87,88 but 
low molecular weights and poor hydrolytic stability disallowed proper 
use in reasonable applications. In the presence of water, any polyester is 

Table 4.1 Biodegradable polyesters
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Table 4.1 (cont.)

Polymer Monomer unit
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Table 4.1 (cont.)
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susceptible to hydrolytic cleavage but, in practice, hydrophobic groups in 
the background preclude exclusive aqueous access to the backbone, thereby 
tempering the transient degradation. With these physicochemical proper-
ties in mind, polymer chemists have synthesized thousands of polyesters 
through polycondensation of diacids and diolos, self-polycondensation of 
hydroxyacids or ring-opening polymerization of cyclic diesters, lactones, 
glycolides and lactides. Polycondensation reactions, indicative of a small 
by-product such as water, combine difunctional AB monomers (hydroxy 
acids) or AA and BB difunctional monomers for stepwise polyester 
synthesis. As such, to prevent unwanted polymer cleavage during high-
molecular-weight polymerization, elimination of the hydrolytic by-product 
is necessary. Hydrolytic cleavage of polyesters, and other hydrolytically 
degradable polymers, is based upon three properties: chemical composi-
tion, hydrophobicity and crystallinity. As previously discussed, the chemical 
composition and hydrophobicity are directly linked to the rate and degree 
of polymer degradation; moreover, amorphous polymers, those lacking 
high degrees of crystallinity, suffer from higher rates of degradation.89

4.3.1 Poly(ε-caprolactone)

Compared with the previous polymers discussed, polycaprolactones (PCLs) 
degrade at a much slower rate and are commonly used for implantable 
long-term biostable drug delivery systems based upon well-established bio-
compatibility studies over 30 years.90 Long-term degradation studies of 
polylactones have reported degradation times of the order of 2 years,91 a 
process occurring through hydrolytic cleavage of the ester linkages. 
However, kinetic degradation studies show that random hydrolytic cleav-
age does not operate alone; hence it is proposed that bulk hydrolysis con-
tributes to PCL biodegradation. Bulk hydrolysis leads to autocatalytic 
hydrolysis of the remaining esters by the exposed carboxylic acid end 
groups. Synthesis of PCL from the cheap ε-caprolactone monomer (Fig. 
4.6) may be achieved by at least four different mechanisms including anionic 
polymerization,92 cationic polymerization,93 coordination polymerization94 
and free-radical polymerization.95 PCL has an intrinsic, highly favorable 
property to form a variety of polymer blends where this copolymerization 

O CH2 C

O

n

4.6 PPE monomer unit.
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greatly reduces the degradation of the PCL. Block copolymers incorporat-
ing caprolactone include PEG–PCL,96,97 PCL–PLA,98 PEG–PLA–PCL,99 
PCL–chitooligosaccharide–PEG,100, poly(3-hydroxyoctanoate)–PCL101 and 
thermosensitive biodegradable polymeric micelles.102

Thus inspired, PCL became a key component for macromolecular drug 
delivery utilizing the copolymer systems aforementioned; yet, interest in 
lactone homopolymers for monolithic drug delivery remains. In 1985 the 
Research Triangle Institute was granted the patent for Capronor, a PCL-
based subdermal implant for contraception, control of menstrual disorders, 
and endometriosis treatment through zeroth-order release of levonorg-
estrel over a 12–18-month period.103 PCL block copolymers have been 
used to deliver doxorubicin,100 cyclosporine A,104,105 geldanamycin,96 rapa-
mycin,97 amphotericin B,106,107 dihydrotestosterone,108 indomethacin109,110 
and paclitaxel.111

4.3.2 Poly(glycolic acid), poly(lactic acid), and 
poly(D,L-lactic acid-co-glycolic acid)

As early as 1970, PGA was targeted as a highly biocompatible biogradable 
polymer marketed as Dexon for use as surgical sutures.112 PGA was origini-
ally synthesized by ring-opening polymerization of glycolide, a six-mem-
bered cyclic dimer of glycolic acid (GA). Modern techniques have shown 
successful PGA synthesis by polycondensation of diacids and diols and 
self-polycondensation of poly(α-hydroxy acids). Several biodegradable 
polyesters, many of which are PGA derivatives, have also been used in 
nonviral gene delivery primarily to alleviate cytotoxicity such as poly[α-(4-
aminobutyl)-l-glycolic acid] (PAGA),113,114 poly(d,l-lactic acid-co-glycolic 
acid) (PLGA),115–117 PEG–PLGA–PEG118 and poly(4-hydroxyl-1-proline 
esters).119,120 PGA is a semicrystalline polymer, which limits its solubility in 
organic solvents, with a glass transition temperature Tg of 36  ºC and melt 
temperature Tm 225  ºC. The PGA polyester backbone has minimal methy-
lene spacing, clearly allowing for hydrolytic cleavage; in fact, this rapid 
degradation into natural metabolites, coupled with the acidity of the deg-
radation product, has limited the applications of PGA as a functional bio-
material. The biodegradation of PGA has been extensively reported in the 
seminal papers by Chu121–123 wherein a two-stage erosion mechanism was 
proposed: fi rstly, the ester bonds within the amorphous polymer matrix are 
hydrolytically cleaved by the diffusion of bulk water followed by, secondly, 
hydrolytic degradation of the exposed ester bonds within the crystalline 
region. As with other polyesters, degradation of PGA results in an auto-
catalytic loop wherein the nascent carboxylic end groups accelerate further 
biodegradation. The ultimate in vivo fate of GA is widely debated. Gilding124 
has stated that glycolic acid is metabolized into water and CO2 subsequently 
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cleared by respiration while Hollinger125 and Williams and Mort126 have 
proposed enzymatic conversion of GA into glyoxylate followed by 
glycine.

PAGA is a biodegradable analogue of PGA and poly(l-lysine) (PLL) 
that rapidly degrades into l-oxylysine.113,114 Systemic administration of 
PAGA–DNA complexes has shown promising results for the treatment of 
diabetes by co-expression of interleukin-4 and interleukin-10.127–129 It was 
also shown that the polymer did not compromise biocompatibility as the 
systemically administered PAGA–DNA decreased insulitis by more than 
50% and was not exacerbated by the polymer or the DNA alone.127

PLA, akin to PGA, has been widely accepted as a biocompatible homo-
polymers, in addition to PLGA blends at various ratios.130 Similar in scope 
to PGA, PLA degrades into lactic acid (LA) which enters the Krebs cycle 
and subsequently produces water and CO2 reaction products. Unlike the 
polymeric glycolide, the chiral LA monomer exists as one of three enan-
tiomeric forms including l-lactide, d-lactide and meso-lactide. These ste-
reoisomers allow for multiple forms of PLA including poly(l-lactic acid) 
(PLLA), poly(d-lactic acid) (PDLA), poly(d,l-lactic acid) (PDLLA) and 
meso-PLA. Polycondensation results in PLA from LA and so by defi nition 
denotes water as a reaction side product; hence, high molecular polymeriza-
tion may pose problems owing to ester bond hydrolysis. An alternative 
polymerization scheme utilizes the cyclic lactide dimer. PLLA is synthe-
sized by ring-opening polymerization of l-lactide, PDLA by the d-lactide, 
and PDLLA by the cyclic d,l-lactide diester. By differential scanning calo-
rimetry, isotactic PLLA and PDLA are semicrystalline whereas syndiotac-
tic PDLLA is amorphous. The effects of the stereochemistry on the 
physicochemical parameters of Tm and Tg are shown in Table 4.2. Although 
degradation occurs by the same mechanism, hydrolytic cleavage of the ester 
bonds, the rate is slower than that of PGA. As seen in Table 4.1, the 
monomer units differ by one α-methyl unit that increases the local hydro-
phobicity, thereby impeding hydrolytic cleavage. In practice, PLLA is most 
often chosen because its degradation is more readily recognized in vivo.

Table 4.2 Values of the glass transition temperature Tg and melting 
temperature Tm for three PLA species, illustrating the effects of stereochemistry 
on physicochemical parameters

PLA Tg Tm

derivative (°C) (°C)

PDLA 50131 180132

PLLA 57–60,133 60–65134,135 173–178,134 170135

PDLLA 50–54,133 55–60134,135 Amorphous
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PLGA alternating block copolymers are obtained from ring-opening 
polymerization of 6-methyl-morpholine-2,5-dione136 and random block 
copolymers by copolymerization with d,l-lactic acid.137 Numerous reports 
exist on characterization of PLGA multiblock copolymers138 with variations 
in composition stemming from Gilding et al.139 Briefl y, PLGA compositions 
ranging from PLLA–GA 25–75% and PDLLA–GA 0–70% are amor-
phous;139 however, it is interesting to note that, at the limits of the PLLA–
GA composition, PLGA copolymers are more resistant to hydrolytic 
cleavage,140 which is intuitively obvious as the more hydrophobic PLLA 
block increases but not so for the other extreme. Next, LA–GA 50–50 was 
shown by Miller et al.141 to be the most unstable, whereas LA–GA 30–70 
readily degraded owing to the rate and extent of bulk water uptake. PLGA 
composed of LA–GA 10–90 has long found utility as Vicryl (polyglactin 
910), a biodegradable surgical suture licensed by Ethicon (Somerville, 
New Jersey) and, in 2002, Vicryl Plus became the fi rst marketed suture 
designed to contain an antibacterial agent, Triclosan or 5-chloro-2-(2,4-
dichlorophenoxy)phenol. In addition to comprising sutures, PLGA micro-
spheres have been extensively used in drug and gene delivery;138,142–145 
however, concerns have been raised about the results following a signifi cant 
drop in pH at the sites of PLGA degradation. An excellent study by Taylor 
et al.146 showed head-to-head degradation comparisons of PGA, PLA and 
PCL amongst others wherein PGA exhibited toxic degradation effects after 
incubation for 10 days in Tris buffer whereas PLA was non-toxic in buffer 
up to 16 weeks but became toxic in water after 4 weeks. Gene therapy with 
PLGA microspheres has been met with mixed success, possibly owing in 
part to formulation techniques that continue to be optimized. Biodegradable 
PLGA formulations have resulted in variable amounts of intact DNA,147,148 
possibly because of residual levels of high acidity from degrading PLGA, 
thereby leading to PEG–PLGA–PEG triblock copolymers. When mixed 
with DNA, these copolymers gel at core temperature with zeroth-order 
release up to 12 days with a 5-day half-life of DNA from PEG–PLGA–PEG 
gels.118

4.3.3 Polyorthoesters

Polyorthoesters (POEs) were developed and reported by Heller et al. nearly 
40 years ago for use as implanted biomaterials and drug delivery vehicles. 
POEs are typically synthesized by the addition of polyols to diketene acetals 
resulting in149 POE IV or by the less common anachronistic route of diol 
and diethoxytetrahydrofuran transesterifi cation used to produce the fi rst 
POE generation, POE I. Degradation of POEs is through hydrolysis of the 
ester backbone with concomitant generation of diols and acidic levels sig-
nifi cantly lower than PLGA. Furthermore, POEs have an added advantage 
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because the degradation is pH sensitive. At physiological pH, POEs are 
stable; however, upon an interstitial drop to about pH 5, POEs begin to 
degrade with minimal levels of autohydrolysis, a property exploited for 
tumor-targeted drug delivery where the pH is commonly compromised to 
acidic levels.150 This degradation profi le of POEs has allowed for applica-
tion of POEs to the delivery of a broader range of therapeutics including 
peptides or proteins, nucleic acids and traditional small molecules. The 
absence of a highly acidic environment favors its use to deliver nucleic 
acids, namely DNA wherein a low pH promotes DNA degradation, and 
peptides or proteins from denaturation and proteolysis. In contrast with the 
hydrolysis mechanism of PLGA and PAGA that degrade primarily by bulk 
erosion, POE hydrolysis is surface limited as a result of the hydrophobic 
hydrocarbon–ether ring. Researchers quickly found a zeroth-order drug 
release profi le with POE-drug matrices because the drug release was exclu-
sive to erosion of the surface polymer and not through Fickian diffusion.

Despite the promise of POEs as polymer-drug therapeutics in the 
1970s151–155 known as POE I (Table 4.1), POEs have had a long and arduous 
iterative process to the current POE IV (Table 4.1) at which the majority 
of pharmaceutical research is directed. Firstly, intial POE syntheses found 
that POE I formed by transesterifi cation degraded into γ-hydroxybutyric 
acid side products, the presence of which further autocatalyzed local POE 
I degradation. Secondly, POE II (Table 4.1) was developed to alleviate this 
autocatalysis by producing neutrally charged reaction products incapable 
of promoting acidic degradation; however, these polymers proved almost 
too stable owing to their signifi cant hydrophobicity requiring formulations 
with an acidic component to initiate degradation. The third generation of 
POEs, POE III, was plagued by extremely complex synthesis schemes in 
efforts to limit the backbone hydrophobicity (Table 4.1). Finally, POE IV 
tempered the poor degradation of POE II by incorporating GA and/or LA 
blocks in the polymer backbone. These multiblock copolymers allowed for 
tight control of degradation kinetics as a function of the acidic block com-
position and size. Phase II clinical trials with POE IV have been completed. 
A.P. Pharma (Redwood, California) has two proprietary formulations of 
POE IV: BiochronomerTM, a POE IV and LA block copolymer for local 
depot drug delivery applications and BioerodimerTM, diblock copolymers 
of POE IV and PEG. A phase II clinical trial of BiochoronomerTM encap-
sulated granisetron for use as an anti-emetic agent for chemotherapy 
patients showed more than a 90% response with acute (within 24  h post-
chemotherapy) phase patients; currently, a phase III clinical trial is ongoing. 
A phase II clinical trial for mepivacaine delivery with BiochronomerTM for 
post-operative surgical pain has been completed despite a revision of the 
trial protocol in 2002 owing to incidents of acute irritation. Results from 
this study are unknown.
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4.3.4 Poly(ether esters) and Poly(ester carbonates)

The last examples of polyesters in this review are the poly(ether esters) 
represented by polydioxanones (PDS); and poly(ester carbonates) repre-
sented by polyglyconate. PDSs are synthesized by ring-opening polymeri-
zation of p-dioxanone and are biodegradable, biocompatible and 
semicrystalline (Table 4.1) with Tm-115  ºC and Tg ≈ 10 – 0  ºC.151 Polymer 
fi bers composed of PDS were fi rst tested for use as monofi lament biode-
gradable surgical sutures and the degradation profi le was later found to be 
affected by gamma irradiation.156 Poly(ester carbonates) are synthesized by 
mixed ring-opening polymerization including lactide–glycolide–lactone 
monomer units; however, Schappacher et al.157 constructed a diblock copo-
lymer composed of trimethylene carbonate (TMC) and ε-caprolactone 
(ECL) which, at nearly equal molar ratios, produced poly(TMC-co-ECL) 
with Tm = 58  ºC and Tg = 51  ºC. In 1985, Katz et al.158 reported biodegrad-
able, poly(trimethylene carbonates) for monofi lament surgical sutures cur-
rently marketed as Maxon.

4.4 Polyethylenimine and poly(ethylene 

glycol)-co-poly(L-lysine)-g-histidine

4.4.1 Polyethylenimine

Biodegradable branched polyethylenimine (BPEI) has been synthesized to 
alleviate the putative cytotoxic effects of high-molecular-weight BPEI by 
coupling low-molecular-weight BPEI with difunctional PEG producing a 
hydrolytic-sensitive ester backbone. This novel system has shown a three-
fold increase in transgene expression above the base BPEI.159 Further 
advances have produced biodegradable polyethylenimine (PEI) derivatives 
by coupling BPEI 1200  Da blocks to oligo(l-lactic acid-co-succinic acid),160 
BPEI 800  Da with small diacrylate cross-linkers to molecular weights (14–
30  kDa) comparable with the BPEI 25  kDa control;161 BPEI 1800  Da cross-
linked through acid-labile imine,162 BPEI 2000  Da cross-linked with linear 
nonaethylenimine (LPEI) 423  Da via amide and ester linkages,163 LPEI 
423  Da cross-linked with PEG–diacrylates164 and LPEI–PEG–LPEI.165

4.4.2 Poly(ethylene glycol)-co-poly(L-lysine)-γ-histidine

A biodegradable derivative of PEG–PLL with grafted histidine residues 
has been synthesized for local gene therapy with transgene expression 
levels fourfold higher than PLL alone.166,167 This multiblock copolymer pos-
sesses ester-linked PEG–PLL blocks with grafted N,N-dimethylhistidine 
for pH buffering in the late endosomal stage. The naked polymer alone, 
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poly(ethylene glycol)-co-poly(l-lysine)-g-histidin, showed a half-life of 
nearly 5  h in isotonic phosphate-buffered saline (pH 7.4; 37  ºC); however, 
an interesting side note is that upon the addition of plasmid DNA the sub-
sequent complexes were stable for up to 6 days.167 This increased stability 
could result from the loss of a formal charge on the primary amines, thus 
increasing the relative hydrophobicity and preventing hydrolytic cleavage 
of the ester linkages.

4.5 Synthetic block copolypeptides

Based upon the success with glycolic acid derivatives (PAGA) and copo-
lymerization with lactic acid (PLGA), the logical extrapolation would 
be investigation of incorporating of multiple poly(amino acids), as the 
amino acid side chains offer sites for drug conjugation and cross-linking. 
Additionally, synthetic polypeptides have an added advantage by degrad-
ing into non-immunogenic amino acid oligomers and monomers. However, 
it has been shown that including three or more amino acid residues in 
poly(amino acids) results in an antigenic response in vivo;168 consequently, 
researchers have relied upon one- or two-amino-acid-based systems. These 
properties do not necessarily have a correlation with PGA, PLA or PLGA 
polymers and copolymers.

4.6 Future trends

Biodegradable polymers have truly revolutionized controlled drug delivery 
design and biomaterial applications for implants and tissue engineering. 
With the help of biodegradable stents,169,170 clinicians can site-specifi cally 
control drug release to treat coronary artery disease through delivery of 
traditional small molecules171 and now gene therapy.172,173 Implantable drug 
delivery that used to be limited to days is now being performed in weeks 
or months. While the promise is alluring, these polymer systems continue 
to require rigorous in vitro and in vivo biocompatibility studies to mini-mize 
or more ideally to eliminate immunogenic or otherwise unfavorable 
responses. Until such protocols are established to coordinate in vivo predic-
tions with alternative sources, the ‘design–synthesis–characterization–
evaluation’ mantra will continue to be followed.

Biodegradable block copolymers and block copolypeptides have signifi -
cantly endowed novel drug delivery systems with benefi cial pharmacoki-
netic and biocompatible properties. Synthetic chemistry and now genetically 
engineered copolymers provide numerous polymers capable of kinetically 
controlled degradation in vitro and more importantly in vivo. Traditional 
synthetic polymers have long been the stalwarts of biodegradable polymers 
for drug delivery. Now, molecular biology has given birth to a waking giant 
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in biodegradable macromolecular drug delivery. While recombinant poly-
mers can be designed for facile degradation by ubiquitous proteases (e.g. 
elastases and collagenases) resulting in oligopeptide fragments, synthetic 
chemists design polymers with chemical and/or hydrolytic bonds for ease 
of decomposition. These reaction products must not elicit a physiological 
response nor produce an environmental compromise such as the pH drop in 
PLGA systems. In the future, it may probably be a synthetic–recombinant 
hybrid that provides the ideal physicochemical and pharmacotherapeutic 
effects for a wide range of drug delivery applications. However, beyond 
PEGylated proteins and antibody-targeted drug delivery systems, which 
are not the scope of this review, substantial strides in this area are yet to 
made but the promise is bright.
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5
Polymers as replacement materials for 

heart valves and arteries

D M ESPINO, University of Birmingham, UK

5.1 Introduction

Failure of heart valves or arteries reduces the fl ow of blood to the body. If 
vital organs do not receive suffi cient blood, a person may die, unless the 
condition is remedied. Myxomatous degeneration of heart valves, for 
example, can lead to their failure, with the end result of insuffi cient blood 
fl owing out from the heart, while atherosclerosis or thrombus formation (or 
an embolism) may, for example, block small arteries, which can lead to 
strokes or heart attacks.

Devices or natural tissues can be used to replace heart valves or arteries. 
These replacement materials are used when the natural heart valves or 
arteries fail to function properly, which can cause death or severe disability 
if left uncorrected. Such replacement materials help to restore the fl ow of 
blood that the body needs in order to function properly. Natural tissues are 
commonly used as replacement materials; alternatively pyrolytic carbon 
mechanical valves are used to replace heart valves, while metal stents can 
be used to hold arteries open. However, there is interest in the development 
of polymers as replacement materials for heart valves and for use with 
stents. There is also much interest in developing natural tissues by tissue 
engineering.

This chapter briefl y introduces the tissues present in heart valves 
and arteries and then describes the materials and devices used to replace 
them. Section 5.2 provides an overview of both the heart and arteries 
(i.e. the cardiovascular system). Heart valve prostheses are then discussed 
in Section 5.3, followed by arterial replacement in Section 5.4 and tissue-
engineered arteries in Section 5.5. A summary, and potential future devel-
opments, of the devices described is provided in Section 5.6. Section 5.7 
suggests sources of further information, with references provided in 
Section 5.9.
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5.2 The cardiovascular system

This section provides an introduction to the cardiovascular system; more 
detailed information on its anatomy, function and subsequent diseases can 
be found elsewhere (see, for example, Guyton and Hall (1996) and Levick 
(1998)). Sections 5.2.1 and 5.2.2 provide brief overviews on natural heart 
valves and arteries respectively.

The heart is at the centre of the cardiovascular system and contracts to 
pump blood around the body. It consists of four chambers that act as two 
separate pumping systems. These are the left atrium and left ventricle, and 
the right atrium and right ventricle. The left ventricle pumps blood through 
the aorta (an artery) and this circulates around the body through arteries; 
cells extract nutrients (such as O2) from the blood and deposit waste into 
it (such as CO2). The deoxygenated blood returns to the right atrium 
(through the venous system) and passes to the right ventricle. The right 
ventricle pumps the blood through the pulmonary artery towards the lungs, 
where the blood is oxygenated again and CO2 released. This oxygenated 
blood passes to the left atrium and into the left ventricle, and the cycle is 
repeated.

The atria contract at the same time and, following a small delay, so do 
the ventricles. So, atria pump blood to the ventricles, before the ventricles 
pump blood to the body through arteries. The fi lling with blood of the left 
ventricle is known as diastole, whereas the stage of ventricular contraction 
(i.e. when the ventricles pump blood) is called systole. The right side of the 
heart pumps blood to the lungs and does so at mean systolic pressures of 
about 15–20  mmHg (or 2.0–2.7  kPa; 1  mmHg = 133  Pa). The left side of the 
heart works at higher mean systolic pressures (about 120  mmHg; i.e. about 
16  kPa), in order to pump blood all around the body.

5.2.1 Valves

Heart valves allow blood to fl ow in the correct direction through the heart, 
to ensure that oxygenated blood is supplied to the body, and deoxygenated 
blood (high in CO2) fl ows through to the lungs. Valves are vital to effective 
cardiac function.

Semilunar valves are present between the outfl ow duct of the ventricles, 
and the large arteries that carry blood to the body. They are the aortic and 
pulmonary valves and are present within the aorta and pulmonary artery 
outfl ow tract respectively (i.e. left and right sides, respectively, of the heart). 
Semilunar valves have three cusps that seal together to close the valve or 
move towards the vessel wall to open the valve (allowing forward fl ow). 
These valves prevent refl ux of blood from the arteries into the ventricles 
during diastole and allow forward fl ow of blood through to the arteries 
during systole.
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Atrioventricular valves, namely the mitral and tricuspid valves, are found 
in the left and right sides, respectively, of the heart, in between the atria and 
ventricles. The mitral valve has two cusps that seal to close the valve, 
whereas the tricuspid valve has three cusps. Atrioventricular valves have 
string-like chordae tendineae that connect to the ventricular wall through 
papillary muscles (see the discussion on mitral valve repair as an alternative 
to replacement given in Section 5.3). These valves prevent blood from 
fl owing back into atria during systole and allow forward fl ow of blood into 
ventricles during diastole.

A range of possible complications exists that can damage heart valves 
(see, for example, Stevens and Lowe (1997)). Functionally, however, this 
generally consists of two complications: regurgitation and stenosis. 
Regurgitation occurs when the refl ux of blood is not prevented by a closed 
valve; stenosis occurs when an open valve does not allow the forward fl ow 
of blood.

Heart valves are composed of connective tissue (collagen, elastin and 
glycosaminoglycans (Stevens and Lowe, (1997)), and open or close in 
response to pressure gradients and haemodynamics (Caro et al., 1978).

5.2.2 Arteries

Arteries are composed of three layers: the intima, media and adventitia 
(Fig. 5.1). A layer of endothelial cells rests on the intima, which is made 
mostly of connective tissue (i.e. collagen, elastin and glycosaminoglycans). 
The media contains smooth muscle cells within a network of elastin and 
collagen fi bres, while the adventitia consists of connective tissue. Blood 
fl ows through the lumen of blood vessels and is in contact with the endo-
thelial layer (or endothelium). This endothelial layer is composed of endo-
thelial cells and protects arteries (see below).

Arteries have different compositions, depending on their function. The 
aorta, for example, is a large artery (approximately 25  mm in diameter) 
with a greater proportion of connective tissue and less smooth muscle than 
smaller arteries such as coronary or popliteal arteries (smaller than 6  mm 
in diameter). The smooth muscle (in the media) in arteries allows them to 
vary their diameter, i.e. they vary their resistance to fl ow (through the 
nervous system, which sends impulses to these blood vessels through nerves; 
for further details on the nervous system see Guyton and Hall (1996)).

Atherosclerosis occurs when fatty deposits are present on blood vessel 
walls; this may thicken and occlude the vessel lumen (Fig 5.2(a) and Fig. 
5.2(b)), forming an atheromatous plaque. Atherosclerosis disrupts the 
vessel endothelium and encourages thrombus formation. The endothelium 
naturally protects against thrombus formation or clotting of blood on its 
surface (platelet aggregation), which may occlude the lumen of the vessel 
(Yang et al., 1994). Segments of the thrombus that break away are known 
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as embolisms. These may fl ow through the arterial system and occlude 
smaller blood vessels.

Occluded blood vessels can lead to complications. Coronary arteries 
supply heart muscle with nutrients and, if they become blocked, the heart 
tissue becomes ischaemic; that is to say that the heart tissue has poor blood 
supply (and, therefore, poor supply of nutrients). A heart attack or isch-
aemic heart disease, for example, may follow. Occluded popliteal arteries 
may lead to ischaemia, causing complications such as gangrene, which may 
require leg amputations.

5.3 Replacing heart valves

This section describes valves used for heart valve replacement. The replace-
ment of left ventricular valves are dealt with fi rst (Section 5.3.1), followed 

Endothelium

Intima

Media

Adventitia

5.1 The endothelial, intimal, medial and adventitial layers are 
denoted; blood fl ows through the lumen of the artery (which is in 
contact with the endothelium). The endothelium consists of endothe-
lial cells that protect the artery; these are in contact with the intima 
which is composed of connective tissue. The media contains a high 
proportion of smooth muscle cells, while the adventitia is composed 
mostly of connective tissue. A higher proportion of smooth muscle 
allows the artery more control over its diameter (and therefore its 
resistance to fl ow), while a higher proportion of connective tissue 
increases the elastic compliance of the artery. Large vessels such 
as the aorta have a higher proportion of connective tissue, while 
smaller arteries such as coronary or popliteal arteries have a higher 
proportion of smooth muscle (i.e. a thicker media).

5.2 Arteries. (a) View through the lumen of the artery. 
(b) Atherosclerotic plaques occlude the lumen of arteries. Such 
plaques reduce the blood fl ow through arteries, which can cause 
death or disease of the tissue it supplies with blood. (c) A bypass 
graft (arrowed) can be placed to provide an alternative route for blood 
to fl ow around the plaque in the stenosed artery.
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by the current state of repair of valves from the right side of the heart 
(Section 5.3.2). Also included is the development of mitral valve surgical 
repair, as an alternative to replacement with a prosthesis.

5.3.1 Replacing mitral and aortic valves

Similar replacement techniques have often been employed for replacing 
mitral and aortic valves, despite the fact that the aortic valve is a trileafl et 
valve in a conduit, while the mitral valve is a bileafl et valve covering an 
opening. Mechanical and tissue valves have been used with their own 
advantages and disadvantages. However, polymeric valves may represent a 
way forward for the future.

Mechanical valves

Mechanical valves were fi rst implanted with clinical success during the 
1960s; these were ball-and-cage valves (Starr et al., 1967). These valves 
initially consisted of a silicone rubber ball contained within a Lucite 
(poly(methyl methacrylate)) cage. A stainless steel ring and steel wire were 
used to attach a Tefl on sheet to the valve, the Tefl on was then stitched to 
the heart (Starr and Edwards, 1961). Initial developments saw the develop-
ment of a silicone rubber shield to prevent thrombus formation from 
occluding the orifi ce, and use of a stainless steel cage to reduce the dimen-
sions required (Starr and Edwards, 1961). Variants of this valve were devel-
oped, e.g. with open struts (i.e. not a closed cage) and Dacron (poly(ethylene 
terephthalate)) cloth covering the struts (Braunwald et al., 1971). The prin-
ciple behind the function of these valves was essentially the same, the ball 
responded to pressure gradients, for closing and opening, whilst the cage 
held the ball in place.

Similar mechanical valves were developed that consisted of caged- and 
tilting-disc prostheses (Schoen et al., 1982). Discs are typically made from 
pyrolytic carbon (i.e. produced by pyrolysis, a process of thermal decom-
position, followed by carbon recrystallization (Wnek and Bowlin, 2004)), 
and cages from cobalt–chromium or titanium alloy (Padera and Schoen, 
2004). The caged disc consists of a cage with a disc rather than a ball held 
in place. The disc blocks the orifi ce or moves away from it, depending on 
the pressure gradient. Tilting discs consist of a disc at an angle that leads 
to asymmetrical fl ow; in the mitral position, for example, it can be used to 
direct fl ow towards the posterior part of the ventricular wall (Fontaine et 
al., 1996). Tilting discs have small cage-like restraints to control their motion 
(Bjork and Henze, 1979). Dacron or e-PTFE (expanded polytetrafl uoroeth-
ylene: a single strand of PTFE which is expanded and has a ratio of about 
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50% air by volume; see, for example, Zussa (1995)) sewing rings on mechan-
ical valves (including bileafl et valves; see below) are used to attach valves 
to the heart (see, for example, Padera and Schoen (2004)).

Mechanical failure associated with ball-and-cage valve prosthesis include 
sticking of the ball in between the struts (owing to swelling of the ball), and 
failure of the struts; caged-disc prosthesis suffered similar complications 
such as sticking of the discs, uneven motion of the disc within the cage or 
wear of the disc leading to leakage of blood (Schoen et al., 1982).

Bileafl et valves, such as the St Jude Medical bileafl et valve, were devel-
oped in the 1970s (Emery et al., 1979). These valves consist of a ring and 
two rigid leafl ets (Emery et al., 1979). They respond to pressure gradients, 
but the two-leafl et design leads to improved haemodynamics when com-
pared with caged-valve prosthesis (see, for example, Fontaine et al. (1996)). 
It is thought that improved hydrodynamic fl ow through heart valves reduces 
problems related to blood coagulation (i.e. thrombus formation; see Section 
5.2.2). Bileafl et valves are made from pyrolytic carbon, also thought to 
reduce platelet aggregation and thrombus formation, while being durable 
(Cao, 1995). However, it has been shown that platelets are still activated 
(i.e. they begin to aggregate and to form blood clots) by pyrolytic carbon 
(Goodman et al., 1996) and thrombus formation can only be avoided by 
lifelong anticoagulation therapy, i.e. by using prescribed drugs (such as 
warfarin or heparin), that act pharmacologically, to prevent blood from 
clotting. Anticoagulation therapy has the disadvantage of increasing the 
risk of haemorrhages (i.e. uncontrolled bleeding that might occur after an 
injury), because blood clotting normally acts to stop such bleeding.

The main problems currently associated with mechanical valves include 
the need for long term anticoagulants (including the increased risk of 
haemorrhages), haemolysis (of red blood cells), endocarditis and wear of 
mechanical valves (Schoen et al., 1982; Starr et al., 2002). Haemolysis, 
is believed to be caused by the fast closing action of the valve leafl ets, 
damaging the red blood cells (Kingsbury et al., 1993; Garrison et al., 1994; 
Wu et al., 1994); this can be either relatively trivial or in a few cases 
can lead to severe anaemia (Schoen et al., 1982). Developments of valves 
that close more physiologically, such as starting to close before systole, are 
being investigated (Naemura et al., 1999). However, in its severe form, 
haemolysis is more likely to be caused by blood leakage, either through 
poor attachment of the valve to the heart, or through wear of the prosthesis 
(Padera and Schoen, 2004). Endocarditis is an infection of the valve tissue 
caused by the insertion of the prosthetic valve (Schoen et al., 1982) with 
an incidence of less than 0.3% per patient year in either the mitral or the 
aortic position (Piper et al., 2001). While it is always important to improve 
prosthesis resistance to wear, current mechanical valves are more durable 
than replacement with tissue valves (see below (Starr et al., 2002)). Despite 
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the use of anticoagulants with replacement valves, the incidence of 
thromboembolism (i.e. complications related to thrombus formation and 
embolisms; see Section 5.2.2) is about 1.5–3% per year and represents the 
main area of improvement required for mechanical valves (Starr et al., 
2002).

Tissue valves

Natural heart valves, termed bioprostheses, include the bovine pericardial 
tissue valve, and porcine aortic valves. They can be used to overcome some 
of the complications associated with mechanical heart valves.

Bioprostheses do not lead to the excessive thrombus formation seen with 
mechanical valves, and therefore drugs do not have to be prescribed for 
lifelong anticoagulation (unlike mechanical valves). While this is not a 
mechanical or material improvement, it improves the quality of life of 
patients. Another benefi t of these valves is that they produce better haemo-
dynamics than mechanical valves owing to the more natural structure and 
fl exible leafl et material used (Fontaine et al., 1996; Starr et al., 2002; Padera 
and Schoen, 2004). However, the main problem with bioprosthetic valves 
is the poor long-term durability as compared with mechanical valves. It has 
been estimated that only between 30 and 40% of tissue valves may still be 
functioning after 15 years (Starr et al., 2002). This can be a concern espe-
cially in the young, where degeneration occurs at a faster rate than in older 
patients (Starr et al., 2002). To reduce degeneration, tissue valves are fi xed 
using glutaraldehyde (Carpentier, 1977). Glutaraldehyde fi xation encour-
ages calcifi cation (Schoen and Levy, 1999), which leads to valve failure. 
However, alternative methods of tissue preservation by cross-linking such 
as that caused by polyepoxy compounds (e.g. poly(glycidyl ether)) and dye-
mediated photo-oxidation are under investigation (Schmidt and Baier, 
2000).

Bovine pericardial tissue is used to produce tissue valves. The tissue is 
attached to a frame (metal or plastic) and is covered in synthetic material 
(e.g. e-PTFE or Dacron (Padera and Schoen, 2004)). Glutaraldehyde-fi xed 
bovine pericardial valves are made to have three leafl ets (i.e. to replicate 
aortic valve structure).

Porcine aortic valves, fi xed in glutaraldehyde, are also used for valve 
replacement. The main difference between porcine aortic valves and bovine 
pericardial valves is that porcine valves have leafl ets that are naturally con-
nected to the rest of the valve (unlike pericardial valves where the leafl ets 
have to be attached to a frame).

Tissue valves can be either stentlesss or stented. Stented valves usually 
have three stents that allow easier surgical placement (Schoen and Levy, 
1999). However, stented valves may suffer from inferior leafl et biomechan-
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ics that may promote calcifi cation (Fisher, 1995). This may be corrected by 
improved fi xation processes (Fisher, 1995).

An alternative to using animal tissue valves is to use human valves (or 
homografts). Aortic valve homografts can be used to replace heart valves, 
but their availability is usually limited (e.g. see the discussion given by 
Breymann et al. (2002)). Homografts can be cryopreserved, to prevent their 
degradation, until they are used for implantation (Padera and Scheon, 
2004). Also used for aortic valve replacement can be the patient’s own 
pulmonary valve (i.e. an autograft). The pulmonary valve is then replaced 
with another valve, such as a homograft valve (see, for example, Lupinetti 
et al. (1997)). The use of homografts and autografts in children is particu-
larly useful, because it provides an alternative either to using tissue valves 
that calcify quickly in children, or to the use of anticoagulants with mechan-
ical valves (Lupinetti et al., 1997). Human replacement valves in children 
are thought to grow as the heart grows (Elkins et al., 1994).

Polymeric valves

Flexible leafl et aortic replacement valves were developed in the 1960s (Roe 
et al., 1966). These had three silicone rubber leafl ets, and Roe et al. (1966) 
suggested that including the use of a surface coating that prevented clotting 
might result in a clinically successful prosthesis. Other fl exible synthetic 
valves were also developed, such as those made from Tefl on (Braunwald et al., 
1965). However, previous polymeric valves have suffered from poor dura-
bility and thrombus formation (see, for example, Fishbein et al. (1975)).

There has been recent interest in developing polymeric valves made from 
polyurethanes. Polyurethanes have good blood compatibility (Zdrahala 
and Zdrahala, 1999) and can be made into physiological shapes, forming 
valves which are fl exible (Mackay et al., 1996). Synthetic poly(carbonate 
urethane) valves have been recently developed, for both the aortic (Daebritz 
et al., 2004) and the mitral (Daebritz et al., 2003) positions, as have poly(ether 
urethane) valves (Mackay et al., 1996) and valves made from poly(ether 
urethane) frames coated with poly(ether urethane urea) (Bernacca et al., 
1997). In vivo results are promising, with tests being performed without 
anticoagulants in some cases (Daebritz et al., 2003, 2004), and showing 
greater signs of durability than bioprostheses when tested in calves (Daebritz 
et al., 2003, 2004) or sheep (Wheatley et al., 2000). It has been proposed 
that the composition of such polyurethane valves may affect their calcifi ca-
tion and wear (Bernacca et al., 1997). Therefore, further developments of 
polyurethane synthesis technology may offer promise for developments of 
valves in future.

The development of these valves into successful clinical implants 
will ultimately depend on their long-term function, which can only be 
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determined clinically. Furthermore, its long-term durability will also be an 
important determinant of its clinical value. The hope would be that these 
valves could combine the benefi ts of both mechanical and bioprosthetic 
valves, with improved durability but also leading to physiological hydrody-
namics and reduced thrombus formation.

Mitral valve repair as an alternative to replacement

Replacement of mitral valves with bioprostheses or mechanical prosthesis 
have several limitations (Section 5.3.1). Advantages of mitral valve repair 
reported include long-term clinical results equivalent to those from replace-
ment with a prosthesis, reduced or no use of anticoagulants, reduced risk 
of endocarditis, reduced surgical mortality risk, as well as better long-term 
survival rates (Perier et al., 1984; Sand et al., 1987; Loop et al., 1991; 
Enriquez-Sarano et al., 1995). Moreover, an increase in reoperation rates 
has not been observed when comparing long-term mitral valve repair results 
with replacement prosthetic valves (Perier et al., 1984). One point that 
needs to be made is that no randomised trial comparing mitral valve repair 
and replacement has been performed (Enriquez-Sarano et al., 1995). 
Typically, mitral valve repair is performed on healthier patients (see, for 
example, Sand et al. (1987) and Enriquez-Sarano et al. (1995)).

Chordae tendineae are mostly composed of collagen, elastin and glycos-
aminoglycans (Lis et al., 1987) and hold leafl ets in place during valve closure. 
Rupture of chordae causes mitral valve regurgitation (Espino et al., 2005, 
2006b). Chordal rupture can be repaired by several techniques (Espino et 
al., 2006a) including edge to edge repair (where stitches are placed to allow 
the prolapsing leafl et to be supported by the non-prolapsing leafl et (Maisano 
et al., 1999)); chordal transposition (where a chord from a separate part of 
the valve is placed at the area of leafl et prolapse, while the healthy leafl et 
from where it was removed is restitched together (Carpentier, 1983)) or 
chordal replacement where a synthetic material is used to replace the rup-
tured chord or chordae (Tomita et al., 2002). Such mitral valve repairs are 
often accompanied by the placement of annuloplasty rings (these reduce 
the orifi ce area at the opening of the mitral valve) to reduce dilation that 
causes mitral valve failure (see, for example, Perier et al. (1984)).

Materials such as braided polyester, polybutester (a butylene terephthal-
ate and poly(tetramethylene ether glycol) copolymer), polypropylene, 
PTFE or e-PTFE can be used for such repairs. For chordal transposition 
and edge-to-edge repair, the sutures are there to hold the leafl et tissue in 
place. However, during chordal replacement, the synthetic suture acts as a 
neochord. PTFE has been found to have the material properties closer to 
natural chordae than other materials such as braided polyester (Cochran 
and Kunzelman, 1991). However, the values of Young’s modulus for all 
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these replacement materials were much higher than those of natural chordae 
(about 7700  MPa for PTFE and 8100  MPa for braided polyester as com-
pared with about 20 to 30  MPa for chordae, as determined by the same 
research group (Kunzelman and Cochran, 1990)). Ideally, replacement 
chordae would have similar properties to the chordae that they replace. 
Such a large difference in material properties may reduce valve leafl et 
mobility, thereby increasing the risk of stenosis during valve closure 
(Kobayashi et al., 1996).

An alternative to synthetic chordae is the use of natural tissues, such as 
glutaraldehyde-tanned pericardial strips (Ng et al., 2001). However, PTFE 
has been found to produce better clinical results than glutaraldehyde-
tanned pericardial strips for chordal replacement (Kobayashi et al., 1996). 
The use of glutaraldehyde and its induction of calcifi cation may well have 
an adverse effect on clinical results (Section 5.3.1).

e-PTFE is a single strand of PTFE which has been expanded and has 
a porous microstructure with a ratio of more than 50% air by volume 
(Zussa, 1995). It is thought that the porous microstructure of e-PTFE allows 
cells to infi ltrate it (Zussa et al., 1997). Zussa (1995) reported that these 
cells had a strong adhesion to e-PTFE without calcifi cation or thrombus 
formation. However, in the fi rst reported case of e-PTFE chordal rupture 
(after 14 years), it was found that in some areas the sutures had been almost 
completely replaced by minerals, including calcium salts (Butany et al., 
2004). e-PTFE replacement chordae become covered in a smooth fi brous 
sheath that is surrounded by an endothelial cell layer (Zussa, 1995). 
From animal studies it was observed that the diameter of such synthetic 
chordae after cell infi ltration was similar to that of natural chordae (Zussa, 
1995). Whether e-PTFE synthetic replacement chordae covered in such 
tissues leads to benefi cial or adverse mechanical properties or effects is 
unknown.

Developments of new chordal replacement materials may further improve 
mitral valve repair in the long term. Tissue-engineered synthetic chordae 
which have been reported have been made from cultured fi broblast and 
smooth muscle cells, with added type I collagen (Shi and Vesely, 2003, 
2004). Under static loading, Young’s modulus and the failure strength were 
about an order of magnitude below those required. Excess elongation of 
chordae (as caused by a low Young’s modulus) clinically leads to regurgita-
tion (Barber et al., 2001). Higher stresses induced by stiffer chordae (i.e. 
high Young’s modulus as seen for synthetic replacement chordae) may be 
more critical to the long-term success of the repair (Reimink et al., 1995), 
or to tearing of the leafl et after being stitched in place. It is possible that 
strategies used for developments in blood vessels using tissue engineering 
may hold clues for chordal tissue engineering (see Section 5.5). Tissue-
engineered chordae could, potentially, be produced to have viscoelastic 
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material properties that match those of natural chordae (see, for example, 
Lim and Boughner (1975) and Lim et al. (1977)).

To summarise, mitral valve repair (including chordal replacement) has 
many benefi ts over replacement with a prosthesis. Several chordal replace-
ment materials can be used, with e-PTFE often being the replacement 
material of choice (see, for example, Zussa et al. (1997)). However, replace-
ment synthetic chordae with properties closer to real chordae may well 
provide benefi ts for mitral valve replacement. Replacement materials in 
future may include tissue-engineered chordae tendineae.

5.3.2 Replacing pulmonary and tricuspid valves

The gold standards for right ventricular outfl ow tract reconstruction 
(i.e. the pulmonary valve conduit) are currently aortic and pulmonary 
homografts. However, homografts are not always available, especially in 
small sizes (Allen et al., 2002; Breymann et al., 2002) (see Section 5.3.1). 
Furthermore, homografts undergo faster degeneration and calcifi cation in 
young patients (Hawkins et al., 1992). Alternatives such as porcine xeno-
grafts (i.e. cross-species) in Dacron conduits have not met with great success, 
as problems such as calcifi cation have been encountered (Tweddell et al., 
2000). However, porcine xenografts may be an alternative for valve con-
duits less than 15  mm in diameter (Lange et al., 2001). Alternatives such as 
the use of bovine pericardial tissue valves (Section 5.3.1) with a PTFE 
conduit (rather than a Dacron conduit) have led to good midterm results 
(Allen et al., 2002), while good early results have been obtained with bovine-
valved venous conduits (i.e. bovine jugular vein, with its trileafl et valve in 
place) fi xed in glutaraldehyde, available in smaller sizes (Breymann et al., 
2002).

Another perspective is provided by the development of acellular valves 
(Goldstein et al., 2000; Steinhoff et al., 2000; Elkins et al., 2001; Simon et al., 
2003). In such valves, cells from the original valve structure are removed 
(these may be porcine valves). However, the valve structure (i.e. extra-
cellular matrix components such as collagen, elastin and proteoglycans) 
remains. The idea is that host cells infi ltrate the scaffold and allow it to 
regenerate, function and grow naturally within the body. This provides an 
ideal scenario for young patients undergoing growth, given the limitations 
with homografts (Section 5.3.1). Good in vitro and in vivo results (Steinhoff 
et al., 2000; Elkins et al., 2001) and some initial clinical trials show promise 
(Goldstein et al., 2000). However, such acellular valves led to poor clinical 
results for paediatric patients (Simon et al., 2003). Clearly, the use of acel-
lular valves may hold great promise for valve replacement, with further 
understanding of how such structures react and function after implantation 
being necessary.
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Tricuspid valves

Tricuspid valves are typically repaired whenever possible (see, for example, 
Rizzoli et al. (1998), Carrier et al. (2003), Bernal et al. (2004) and Bernal 
et al. (2005)). However, replacement with a prosthesis is performed when 
necessary. Replacement valves are the same as those used for left ventricle 
valve replacement (Section 5.3.1) (Rizzoli et al., 1998; Carrier et al., 2003). 
Whether it is best to use mechanical or bioprosthetic valves for such replace-
ment procedures remains unclear (Rizzoli et al., 1998; Carrier et al., 2003). 
The arguments for mechanical or bioprosthetic valves are similar as those 
presented in Section 5.3.1, with mechanical valves having better durability 
but requiring lifelong anticoagulation. However, bioprosthesis are 
more durable in the right side of the heart than in the left side, but high 
rates of bioprosthetic degeneration are common after about 7 years post-
implantation (Rizzoli et al., 1998).

5.4 Replacing arteries

Large arteries have been found to be successfully replaced with synthetic 
materials, such as e-PTFE or Dacron. However, replacement of smaller 
arteries (less than about 6  mm) with such synthetic materials has been less 
successful (Conte et al., 1998). This section, therefore, discusses the repair 
and replacement of small-diameter arteries. Natural tissues (Section 5.4.1) 
as bypass grafts, and stents (Section 5.4.2) to maintain the vessel structure, 
have been used to improve blood fl ow in small occluded vessels. Stents and 
better anticoagulation therapies have improved restenosis rates but have 
not eradicated it. Other strategies are therefore being adopted, such as 
tissue engineering of blood vessels (Section 5.5).

5.4.1 Natural tissues

Replacement of small-diameter arteries has so far proven most successful 
using segments from other parts of the vascular system, as bypass grafts 
(Fig. 5.2(c)). The internal mammary artery has been used to replenish fl ow 
in coronary and popliteal arteries (Okies et al., 1984) and is considered as 
the best graft candidate (Cox et al., 1991). However, it is not always possible 
to use the internal mammary artery, because of limited availability of the 
vessel, or because it has been used previously. The other common alter-
native is the use of the saphenous vein for bypass grafting (Cox et al., 1991; 
Sayers et al., 1998).

Saphenous veins (Fig. 5.3) are not always healthy to begin with (Cox et 
al., 1991). Furthermore, while veins are compliant over the venous pressure 
range, they are not designed to support higher pressures of the arterial 
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system. This can lead to a mismatch in compliance compared with neigh-
bouring arteries (Cox et al., 1991).

After grafting of saphenous veins, occlusion may occur (Cox et al., 1991). 
The development of intimal hyperplasia may start as early as a few weeks 
post-operatively. Intimal hyperplasia is believed to be caused by excessive 
smooth muscle growth and proliferation (into the intima), as well as growth 
of the extracellular matrix, occluding the lumen. This remains the main 
problem associated with graft occlusion after 5 years. The thickening occurs 
over time, occluding the fl ow into the artery from the vein graft (Bassiouny 
et al., 1992). In the longer term, atherosclerosis becomes the main cause for 
concern and progresses quickly. Furthermore, patients that require multi-
ple operations to small arterial vessels can require reoperations, limiting 
the available tissue.

Therefore, given the limited availability of natural tissues, and in the case 
of the saphenous vein the complications that can occur, there is a clear need 
for surgical alternatives.

5.4.2 Stents

During balloon angioplasty an infl atable device is inserted into a stenosed 
artery and infl ated so as to increase the diameter of the occluded lumen 
(for a more detailed explanation of this, see Padera and Schoen (2004)). 
While it can be successful in some cases, restenosis does occur. Stents are 
often used with balloon angioplasty, in order to prevent restenosis. Stents 
are typically made from a wire mesh (see below) and hold the artery open, 
preventing its collapse, i.e. the stent keeps the artery open at the diameter 
required for adequate blood fl ow.

Materials

Stents are usually composed of metal wires forming the outer boundaries 
of an open cylinder. The most widely used stents are made from stainless 
steel (Bertrand et al., 1998; Topol and Serruys, 1998; Padera and Schoen, 

5.3 Saphenous vein. Section of vein that can be used for arterial 
bypass grafting. (Picture reprinted with permission from CryoLife, Inc., 
Kennesaw, Georgia.)
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2004) and are relatively inert when in place. Nitinol stents (a nickel–
titanium alloy) are also popular; Nitinol is said to be superelastic and has 
thermal shape memory (Ryhanen et al., 1997). So, it can be inserted in one 
state and heated so as to regain the required shape in vivo. Processing 
during manufacture can allow the shape after heating to be programmed.

One potential problem with Nitinol is the release of toxic nickel into 
surrounding tissues. However, passivation of the surface of the Nitinol stent 
(e.g. with nitric acid) increases the amount of titanium oxide on the surface. 
This is thought to improve corrosion resistance and to reduce the amount 
of nickel released (O’Brien et al., 2002).

Self-expanding stents can be used as an alternative to balloon expandable 
stents (Topol and Serruys, 1998). Some stainless steel stents, for example, 
expand until tissue resistance prevents the stent from further expansion, 
while Nitinol stents can be designed to expand to a programmed size. Topol 
and Serruys (1998) also reported several types of custom-made stent that 
are available commercially, such as bifurcating stents, and stents with holes 
(to improve fl ow through side branches).

Stents have been very successful clinically and may well be used in over 
50% of angioplasty (Section 5.4.2) procedures (Topol and Serruys, 1998). 
However, arteries held open by stents sometimes become occluded (i.e. 
restenosis may still occur). Such occlusion may be caused, in the short term 
(i.e. days after surgery), by the formation of a thrombus (Section 5.2.2) in 
the lumen of the artery (Section 5.2.2 (see Fig. 5.2(a) and Fig. 5.2(b)). 
Intimal hyperplasia (see Section 5.4.1) may occur in the longer term (i.e. 
months after surgery (Topol and Serruys, 1998)). The placement of stents 
may damage the arterial endothelial layer (by abrasion; for more detail see 
Padera and Schoen (2004)), which may cause some of the problems associ-
ated with stents. This is because (as explained in Section 5.2.2), the endo-
thelial layer prevents thrombus formation on the artery surface and may 
prevent smooth muscle cell proliferation (Yang et al., 1994) that leads to 
intimal hyperplasia (see Section 5.4.1).

To prevent the formation of thrombus on stents, drugs are used (Topol 
and Serruys, 1998). These drugs are usually used in the short term (as 
thrombus occlusion occurs in the short term after stent implantation; see 
above); stents do not usually require the same long-term anticoagulation 
therapy necessary with mechanical heart valves (Topol and Serruys, 1998). 
However, the ideal stent would not require prescribed drugs to function 
effectively (i.e. they would not cause thrombus formation).

Introduction to coatings

Initially stents were designed to be bioinert (by using materials such as 
stainless steel). However, coatings may be necessary to avoid restenosis 
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after stent implantation. Polymer coatings, including natural polymers such 
as heparin (a polysaccharide), have been used on stents. In this instance, 
heparin is used to coat the material, and not as a pharmacological agent (as 
with mechanical valves (Section 5.3.1)). Degradation of polymer coatings, 
however, raises concerns of possible toxicity. However, a similar approach 
has been used as a drug delivery system, where substances of choice are 
released (e.g. to reduce thrombosis or prevent excessive smooth muscle cell 
proliferation).

Polymer coatings

Several non-degradable coatings have been tested in animal studies for 
covering stents (Bertrand et al., 1998), including polyurethane (De Scheerder 
et al., 1994) and silicon carbide (Ozbek et al., 1997). Fewer, however, have 
reached human trials; one such coating is silicon carbide, which reduces 
fi brinogen activation (this may be important in the development of reste-
nosis). However, restenosis was not eliminated, and Ozbek et al. (1997) 
suggested that further investigation into the use of anticoagulation with this 
stent was needed. Other haemocompatible substances such as diamond-like 
carbon coating have been suggested for stainless steel (Santin et al., 2004), 
while a gold coating led to poor clinical results (Kastrati et al., 2000).

Stents coated with resorbable polymers are also under investigation. 
Polymers such as polycaprolactone and polyorthoester, and copolymers 
such as polyglycolic–polylactic acid, poly(hydroxybutyrate valerate) and 
poly(ethylene oxide)–poly(butylene terephthalate) have been compared in 
vivo as resorbable stent coatings (van der Giessen et al., 1996). However, 
during examination after they were implanted on metallic stents in vivo (in 
pigs, over a 4-week period), these polymer coatings led to signs of both 
chronic and acute infl ammation, as well as proliferation of cells (which may 
cause intimal hyperplasi; see Section 5.4.1). Thrombus deposits were also 
detected, and in some cases acute thrombotic occlusion led to death, within 
2 days of being implanted. As part of this study, three non-biodegradable 
polymers were also tested (polyurethane, silicone and poly(ethylene tere-
phthalate)) with similar results to the resorbable polymers tested.

Natural coatings

Stents have been coated with phosphorylcholine, in order to mimic the 
natural membrane that surrounds cells. The natural cell membrane is made 
from phospholipids, composed of two fatty acid groups and one phosphory-
lated alcohol group bound to glycerol (for more details see Raven and 
Johnson (1996)). Initial clinical reports show good clinical results at 6 
months follow-up, but these results did not show an improvement over 
uncoated stents (Bakhai et al., 2005). Phosphorylcholine applied to the 
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stents has the potential of preventing the stent from inducing the formation 
of a thrombus on its surface. This is because platelet adhesion (see Section 
5.2.2) is reduced (as is protein absorption), which reduces the formation of 
thrombus (Grenadier et al., 2002). Such a phosphorylcholine synthetic 
coating has been found to be non-infl amatory and biocompatible (Whelan 
et al., 2000). It has been proposed that phosphorylcholine could be used, as 
a coating, for drug delivery (Whelan et al., 2000) because of its good bio-
compatibility, and because other candidates are other polymers that have 
led to poor biocompatibility (see above), especially as regards infl ammation 
(van der Giessen et al., 1996).

The use of a vein graft cuff within a stent has also been used clinically, 
with good results after a 4-year follow-up period (Stefanidis et al., 2000). 
However, whether the vein cuff would suffer similar injury to that observed 
by normal vein grafts (Section 5.4.1) remains to be seen.

The ideal stent may well be lined with endothelial cells (see Section 
5.2.2), to replicate their protective nature. Reports of stents coated with 
endothelial cells have been available since the 1980s (Dichek et al., 1989); 
however, retaining endothelial cells on their scaffold has been a limitation. 
More recent efforts have therefore consisted of encouraging endothelial 
cell growth and proliferation on the scaffold surface, with in vivo results 
showing that thrombus formation was inhibited and intimal hyperplasia was 
reduced (Van Belle et al., 1997).

Coatings to inhibit thrombus formation have been used on stents, with 
heparin being of particular promise. Heparin is a mucopolysaccharide, 
made of sulphated glycosaminoglycans. Heparin binds to antithrombin III, 
which normally inhibits thrombus formation (by inactivating thrombin) 
and, when heparin is bound to it, the rate of this inhibition is increased (for 
more details see Rang et al. (1999)). In vitro studies have shown that, while 
heparin reduces endothelial cell growth, smooth muscle cell growth is also 
reduced (important in reducing intimal hyperplasia, see Section 5.4.1 
(Chupa et al., 2000; Letourneur et al., 2002)).

Initial clinical trials using heparin are promising (Serruys et al., 1996, 
1998; Vrolix et al., 2000). Attachment of heparin to stents has been through 
either ionic (Bertrand et al., 1998) or covalent bonding (Topol and Serruys, 
1998), or through end point attachment on to a polyamine–dextran sulphate 
layer on a stent surface (Serruys et al., 1996). The end-point attachment 
method has the benefi t that it does not depend on initial concentration and 
release of heparin for its durability (Bertrand et al., 1998; Topol and Serruys, 
1998). Instead, heparin is bound to the stent, with its active site free to bind 
to antithrombin III (Bertrand et al., 1998), which then inhibits the formation 
of thrombus (see above). The process of inhibition of thrombus formation 
can then be repeated.

Another method proposed is to release heparin (or other substances) 
at a site separate from the stent, in a controlled manner. For example, 



128 Biomedical polymers

resorbable hydrophobic (poly-d,l lactide-co-glycolide) microspheres contain-
ing heparin were suspended in a hydrophilic alginate fi lm (a hydrogel). The 
degradation of the microspheres led to the controlled release of heparin. 
In vivo, this method inhibited smooth muscle cell proliferation (i.e. intimal 
hyperplasia) and allowed the suture line to heal (Edelman et al., 2000).

Drug releasing stents

Another strategy is that of drug-releasing stents. These drugs are attached 
to the stent by a polymer coating, which may lead to their release by deg-
radation (i.e. resorbable polymer) or without degradation (i.e. by diffusion 
through a non-degradable polymer). The most promising polymers at 
present for drug delivery (Sousa et al., 2003b, 2003c) appear to be the non-
biodegradable poly(n-butyl methacrylate) and poly(ethylene vinyl acetate) 
copolymer (Suzuki et al., 2001), and the degradable poly(lactide-co-ε-
caprolactone) copolymer (Drachman et al., 2000).

Initial clinical trials of drug-releasing stents have produced good clinical 
results and hold promise for the future (Morice et al., 2002; Park et al., 2003; 
Sousa et al., 2003a). However, concerns over potential infl ammatory 
response induced by the polymer, polymer degradation and possible local 
toxic effects by the released drug have been raised, with the possible 
outcome that restenosis is not prevented but delayed (Fattori and Piva, 
2003). A similar process was observed with radioactive stents, used to 
reduce excessive cell growth (Hehrlain et al., 1995, 1996), where late throm-
bus formation and restenosis occurred clinically after good initial results 
(Salame et al., 2001). Long-term clinical results will be required to deter-
mine the effectiveness of drug release in preventing restenosis.

Use of polymers for stents

Resorbable polymer stents have not been as successful as metallic stents 
during animal testing (Bertrand et al., 1998). Such stents may be desirable 
because they may be used as a temporary structure that allows the vessel 
to heal and subsequently to function as normal, by which point the stent 
can biodegrade. However, much research is still needed for their develop-
ment into stents that are as effective as currently available metal stents. 
Currently, polymers within stents hold most promise as coatings used to 
control drug delivery or release from or near stents (aiming to reduce 
restenosis and thrombus formation).

5.5 Tissue-engineered arteries

Limitations of stents, natural tissues and synthetic materials for small-
diameter arterial replacement has led to the development of tissue-
engineered arteries. Several approaches are being investigated, presented 
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here under the titles of synthetic constructs (5.5.1) and natural constructs 
(5.5.2). Synthetic constructs cover synthetic materials lined with endothelial 
cells, and biodegradable materials. Natural constructs cover the develop-
ment of blood vessels using reconstituted extracellular matrices, naturally 
created extracellular matrices or cell removal to use already available extra-
cellular matrix scaffolds.

5.5.1 Synthetic constructs

Synthetic arterial replacement materials for small-diameter blood vessels 
have typically produced poor results (Conte, 1998) compared with saphe-
nous vein grafts, or other natural materials (see, for example, Sandusky 
et al. (1995)), owning to their occlusion by platelet aggregation and throm-
bus formation. However, lining of an arterial scaffold, with endothelial cells 
may prevent such occlusion (Section 5.2.2). Therefore, lining of synthetic 
scaffolds such as e-PTFE with endothelial cells may reduce its tendency to 
occlude when used for small-diameter blood vessel replacement.

As with stents (Section 5.4.2), maintaining endothelial cells bound to 
the replacement blood vessel has proved challenging (see, for example, 
Rosenman et al. (1985) and Greisler et al. (1990)). However, attaching these 
cells to e-PTFE has been achieved and long-term studies have shown the 
value of such vascular grafts, with improved patency rates over a 9-year 
study during femoropopliteal (i.e. lower-limb) artery replacement (Deutsch 
et al., 1999). One disadvantage of this method, however, is the time needed 
for seeding of endothelial cells. This type of replacement artery was, hence, 
not available for acute vascular replacement surgery during that clinical 
study. Another concern is the possibility of immune response to the syn-
thetic material. Lining of PTFE with a vein cuff has also been reported from 
long-term clinical experience (Sayers et al., 1998). This was found to produce 
better results than using bare PTFE.

Non-degradable synthetic materials behave differently from natural 
arteries. Biodegradable polymers, however, may allow the remodelling of 
the replacement artery within its environment, so that it could gain proper-
ties like those of its surrounding vessel. A poly(glycolic acid) scaffold has 
been used to develop such a construct (Niklason et al., 1999). Smooth 
muscle and endothelial cells were seeded on to the scaffold. These con-
structs were shown to resist pressures of about 2150  mmHg in vitro. These 
constructs are therefore promising, but their value can only be determined 
by long-term clinical use and are not currently available.

5.5.2 Natural constructs

An alternative approach to synthetic scaffolds is the development of a 
purely tissue-engineered structure, i.e. without synthetic materials. One of 
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the fi rst attempts to develop such a construct was by Weinberg and Bell 
(1986). This consisted of using reconstituted collagen matrices and smooth 
muscle cells. Endothelial cell lining was also present. However, the collagen 
matrix was too weak and these constructs failed owning to low strength. 
Methods to increase this strength have included by the use of a Dacron 
sleeve (Weinberg and Bell, 1986), by glycation of the collagen matrix 
(Girton et al., 1999) or by dynamic loading (Seliktar et al., 2000). Suitable 
mechanical properties were only achieved by the use of a Dacron sleeve. 
However, this does not avoid the use of synthetic materials.

A separate approach to using a reconstituted extracellular matrix is using a 
naturally created matrix in culture. One such approach used layers of smooth 
muscle and fi broblast cells rolled up in culture over a mandrel to generate a 
blood vessel construct (L’Heureux et al., 1998). Luminal fl ow was applied to 
the construct in a bioreactor during development. The cells produced their 
own extracellular matrix (i.e. as opposed to a reconstituted matrix). Finally, 
endothelial cells were seeded on the lumen. This method led to high mechani-
cal strength (with burst pressures of about 2500  mmHg), and morphology 
similar to that of native blood vessels. Of concern was the fact that the 
strength of the construct was provided by the adventitial layer rather than the 
medial layer (Nerem and Seliktar, 2001). The advantage of this construct 
(apart from its mechanical integrity) is that it was developed using human 
cells. However, the process took about 3 months; therefore, this method is not 
suitable for acute arterial replacement surgery. Long-term clinical trials are 
also needed to determine its value. However, initial in vivo testing led to occlu-
sion in three of six dogs within a week. Because human cells were being trans-
planted into a dog, excess immune response was anticipated, and endothelial 
cells were not included. However, Deutsch et al. (1999) expected that the use 
of endothelial cells would have prevented such occlusion.

Acellular vascular grafts can be used to produce replacement arteries 
(Schmidt and Bayer, 2000; Nerem and Seliktar, 2001). Extraction via deter-
gent or enzyme-detergent methods have been used to remove cells from the 
tissues, leaving the extracellular matrix intact (see, for example, Courtman 
et al. (1994)). The small-intestine submucosa has been used to develop such 
an acellular vascular replacement vessel (Sandusky et al., 1995). Initial 
testing in dogs showed promising results when compared with e-PTFE 
grafts. Methods involving natural tissues (such as the small-intestine submu-
cosa), which are made into arterial replacement conduits, rely on endothelial 
cell covering in vivo, in order to prevent occlusion of the blood vessel.

5.6 Summary and future trends

At present, heart valves (when not repaired) are typically replaced by 
mechanical or bioprosthetic valves. While bioprosthetic valves allow more 
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natural haemodynamics and do not need long-term anticoagulation, 
mechanical valves are more durable. Bileafl et mechanical valves and porcine 
or bovine pericardial bioprostheses are the most commonly used replace-
ment valves. Natural valves such as homografts are used as well, although 
their availability can be limited.

Large arteries can be successfully replaced using synthetic materials such 
as e-PTFE or Dacron. Smaller arteries (less than 6  mm in diameter) occlude 
when such materials are used. Arterial or vein bypass grafts may be used 
to replenish blood fl ow but their availability is sometimes limited. Balloon 
angioplasty can be used to expand the occluded vessel, and a stent may be 
placed to prevent the vessel from occluding again. At present, metal stents 
are typically used. Development in stent technology at present includes 
either stents coated with substances to prevent restenosis, or stents that 
elute drugs aiming to prevent restenosis.

Developments in tissue engineering, to produce replacement blood 
vessels and heart valves, offer great potential. Development of acellular 
replacement tissues (composed mostly of extracellular matrix) have led to 
replacement arteries and heart valves that can potentially allow host cell 
infi ltration. A tissue-engineered artery with an extracellular matrix made 
by cells in culture also led to a replacement artery with suitable properties 
for implantation. It is likely that further advances with these technologies 
and optimisation of their production will occur; very useful techniques 
will be available that may form prominent cardiovascular replacement 
materials.

Developments in polymers for use with stents in drug delivery systems, 
and to produce heart valves may allow further developments in replace-
ment devices. While, at present, polymer stents have not met with success, 
improvements in such technology may allow their use in the future.

For all new devices used to repair or replace arteries or heart valves, the 
ultimate test is how well they perform clinically, and how they compare 
with other devices available. Inevitably, this takes time. It should be noted, 
however, that, for cardiovascular surgery, developments in surgical methods 
and clinical treatment may also be important in such developments. The 
development of better anticoagulation therapy, for example, may improve 
clinical results, as might developments in surgical methods (e.g. percutane-
ous surgical techniques for heart valve repair (Block, 2003)). The use of 
genetic therapies, with implanted materials, has also been advocated (Topol 
and Serruys, 1998).

5.7 Sources of further information and advice

Good explanations in cardiovascular physiology can be found in general 
physiology textbooks, such as that by Guyton and Hall (1996) or in 



132 Biomedical polymers

cardiovascular physiology textbooks such as that by Levick (1998), while 
biology textbooks such as that by Raven and Johnson (1996) include several 
illustrative fi gures that aid understanding. Anatomy and histology of heart 
valves are described quite nicely, with fi gures and diagrams having been 
given by Stevens and Lowe (1997). A good account of the physical consid-
erations of the cardiovascular circulation has been provided by Caro et al. 
(1978).

Several articles are available on the topic of biomaterials, connective 
tissue composition and their biomechanics, such as those by Hukins (1982), 
Hukins and Aspden (1985), Fratzl et al. (1997), Hukins et al. (1999) and 
Goh et al. (2004).

Stent coatings used so far, and future directions, have been nicely covered 
by Gunn and Cumberland (1999). These factors and related strategies have 
also been dealt with by Topol and Serruys (1998). Bertrand et al. (1998), 
on the other hand, covered the topic of advances in stent technology. The 
subject of drug-eluting stents has been discussed by Fattori and Piva (2003) 
and Sousa et al. (2003b, 2003c).

Some interesting articles on tissue engineering of blood vessels are avail-
able as provided by Conte (1998) or with more detail by Nerem and Seliktar 
(2001). The use of acellular tissues used for tissue replacement has been 
covered by Schmidt and Bayer (2000).

Good commentaries on the development of replacement heart valves by 
Starr et al. (2002) and Schoen et al. (1982) are available. The latter does not 
include much about bileafl et mechanical valves. Tissue valves and their 
calcifi cation, on the other hand, have been well covered by Schoen and 
Levy (1999). Hyde et al. (1999) described the development of research into 
the topic of polymer heart valves, although most recent advances in this 
fi eld must be taken into account (see, for example, Daebritz et al. (2003, 
2004)).
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6
Ultrahigh-molecular-weight polyethylene 

(UHMWPE) in joint replacement

F-W SHEN, University of California Los Angeles, USA

6.1 Introduction

Ultrahigh-molecular-weight polyethylene (UHMWPE) has been the mater-
ial of choice for the polymeric component in total joint replacements pri-
marily because of its excellent combination of wear resistance, structural 
strength and biocompatibility and remains the gold standard thus far. 
Nevertheless, wear of UHMWPE prostheses produces billions of sub micron 
particles annually,1 which may cause a foreign-body response, leading to 
extensive bone resorption and gross loosening of the implants.2–5 UHMWPE 
wear is of particular concern for young or active patients who may face one 
or more revisions with accumulative bone loss in their lifetime. Thus, 
improving the wear resistance of UHMWPE and, thereby, reducing the 
volume of wear particles released to the periarticular tissues should reduce 
the adverse biological responses and substantially extend the clinical lifes-
pan of total joint replacements.

This chapter covers the structure and morphology of UHMWPE, pro-
cessing (fabrication and sterilization) and properties, and methods of cross-
linking to improve the wear resistance of UHMWPE. Clinical studies on 
new cross-linked UHMWPE are discussed.

6.2 The structure of UHMWPE

UHMWPE is a linear semicrystalline polymer produced by the polymeriza-
tion of ethylene, CH2=CH2, with the unit cell of its crystal structure being 
orthorhombic. As defi ned by ISO 11542 specifi cation, UHMWPE has an 
average molecular weight of at least 106  g/mol, which is much greater than 
that of conventional high-density polyethylene (HDPE), while the American 
Society for Testing and Materials standard (ASTM D4020) specifi es 
UHMWPE as having a molecular weight greater than 3.1 × 106  g/mol.6 
As a result of its extremely high molecular weight, UHMWPE exhibits 
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excellent mechanical properties such as impact strength and toughness, and 
better abrasive wear resistance than other polymers.7–9

The UHMWPE powder or fl ake resulting directly from synthesis is a 
highly crystalline (60–75%,10 depending on the resin type) material that is 
referred to as ‘nascent’ crystallized or crystallized at birth (i.e. simultaneous 
polymerization, precipitation and crystallization). The high crystallinity and 
melting temperature exhibited by the nascent UHMWPE powder were 
attributed to the presence of an extended-chain crystal morphology.10–12 
However, once melted and recrystallized, the long polyethylene chains 
inhibit the arrangement of molecules into crystal domains, and the crystal-
linity is reduced to 50–55%, implying that folded-chain crystal lamellae are 
formed. The crystalline lamellar thickness of fabricated UHMWPE is about 
10–50  nm.9,13 The morphology of low-crystalline UHMWPE is likely to be 
composed of many small and imperfect crystals connected by taut tie mol-
ecules. Taut tie molecules are parts of polyethylene chains that connect two 
crystals and result from the separate crystallization of parts of long poly-
ethylene chains. Taut tie molecules were preferentially broken by irradia-
tion, and the reorganization of broken molecules resulted in an increase in 
the degree of crystallinity.14

The physical and mechanical properties of UHMWPE are specifi c to the 
type of resin (differing in molecular weight) and the consolidation process 
(extrusion versus compression molding).9,15–20 For example, when the 
molecular weight of UHMWPE increases from 3 × 106 to 6 × 106  g/mol, 
abrasion resistance improves by approximately 30%, while impact strength 
decreases from 140 to 80  kJ/m2.21 Typically, UHMWPE has a density of 
0.932–0.945  g/cm3, an elastic modulus of 0.8–1.6  GPa, a tensile yield stress 
of 21–28  MPa, elongation at break of 350–525% and an ultimate tensile 
stress of 39–48  MPa.22 Material standards of UHMWPE powder and the 
fabricated forms for surgical implants are specifi ed in the ASTM F648-04 
standard. The standard provides physical and chemical requirements for 
fabricated forms of UHMWPE but does not imply the in vivo performance 
criteria.

Several studies that led to the understanding of UHMWPE structure and 
morphology have been published.23–29 Further information on the history 
of UHMWPE as a bearing material has been extensively reviewed by Kurtz 
et al.,9 Li and Burstein30 and Li.31

6.3 Fabrication of implants using UHMWPE

Because of its high melt viscosity (owing to the extremely high molecular 
weight), UHMWPE powder is diffi cult to process using conventional pro-
cessing techniques such as injection molding, screw extrusion or blow 
molding. Instead, the most common fabrication methods for UHMWPE are 
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ram extrusion, compression molding and direct compression molding. 
Pressure, temperature and time are process parameters that need to be 
controlled. Excessive heat or time can cause degradation of the material 
(e.g. molecular weight and mechanical properties), whereas insuffi cient 
heat, pressure or time can result in fusion defects in the fabricated 
UHMWPE, which can lead to inadequate mechanical strength and poor 
resistance to oxidation and wear.

Ram extrusion uses a reciprocating ram to compact and transfer 
UHMWPE powder through a heated die.7,21 In this process, UHMWPE 
powder is fed into the extruder throat through a hopper and then com-
pressed into the die with a hydraulic ram. When the ram is retracted, fresh 
powder is fed into the empty chamber and the process is repeated. The 
compacted powder then moves through the heated die, where it is melted 
and fused. Since ram extrusion is a continuous process, the UHMWPE 
powder is consolidated into a continuous cylindrical bar with a diameter 
ranging from 1 to 6  in. Bar stocks are then annealed to release the residual 
stress induced by the forming process prior to implant fabrication (i.e. to 
increase the dimensional stability of implant).

Compression molding of sheets consists in fi lling the unheated mold with 
UHMWPE powder to 2.2–2.5 times the desired sheet thickness and then 
carefully levelling the powder with a straight edge.21 The UHMWPE powder 
is then cold pressed to remove air and to compact the material. The com-
pacted powder is heated and fused at a controlled pressure and tempera-
ture. After the powder is completely fused, the pressure is increased to 
prevent voids inside the block and sink marks on the surface while the mold 
is slowly cooled to below the melting point of UHMWPE.21 Molded blocks 
are then annealed to release the residual stress induced by the forming 
process prior to implant fabrication.

For direct compression molding, the UHMWPE powder is placed into a 
mold that is in the shape of an implant and then compressed. The com-
pacted powder is heated at a controlled pressure to consolidate the material 
and to form the device. Implants fabricated with direct compression molding 
have no external machining lines and exhibit a highly glossy surface fi nish.31 
Although the process is slow, direct compression molding a smaller part 
may have greater control for the pressure and temperature than bulk com-
pression molding does, thereby improving the material properties of implant.

6.4 Implant sterilization

6.4.1 Gamma irradiation sterilization

Because of its chemical simplicity and wide commercial applications, the 
effects of high-energy irradiation on polyethylene have been extensively 
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studied.32–37 Ionizing radiation on polyethylene cleaves carbon–carbon and 
carbon–hydrogen bonds, and generates free radicals. Free radicals on adja-
cent polyethylene chains can recombine and form cross-links that lead 
to the formation of a three-dimensional network. It was suggested that 
radiation-induced cross-linking occurs preferentially at the fold surfaces of 
folded-chain lamellae or in the amorphous region of bulk polyethylene.34–36 
The absence of cross-links inside the crystal lattice had been attributed to 
the fact that carbon atoms on adjacent polyethylene chains are too far apart 
(4.1  Å) to allow a carbon–carbon bond (1.54  Å) between adjacent chains, 
and the crystal lattice is too rigid at room temperature to form interchain 
carbon–carbon bonds.35 Free radicals also can recombine to re-form the 
original molecular chain (particularly in the crystalline region), decay into 
unsaturations, react with oxygen (if present) to form oxidized species or 
remain in the crystalline region (the so-called ‘residual free radicals’). While 
the dominant effect of ionizing radiation on polyethylene is cross-linking, 
main chain scission also occurs. Main chain scission breaks up molecules 
and results in a decrease in molecular weight that can affect the mechanical 
properties of polyethylene.

Since the 1960s, gamma irradiation has been the sterilization method for 
bearing components owing to its effectiveness, reliability and simplicity. 
The dose range for sterilization is typically from 2.5 to 4  Mrad. The majority 
of UHMWPE components implanted in the past three decades were steril-
ized by gamma irradiation in ambient air. However, oxygen that was present 
in the UHMWPE when it was irradiated (i.e. primarily in the surface layer), 
could react with the free radicals that were generated by the radiation and 
initiate the oxidation process. Because oxidation and cross-linking are com-
peting processes during gamma radiation sterilization in air, oxidation 
within the surface region reduces the the level of cross-linking (i.e. reducing 
the gel content Fig. 6.138). The oxidation process can continue during shelf 
storage39–43 and in vivo,44 resulting in molecular chain scission that degraded 
the molecular weight, increased the density, stiffness and brittleness and 
reduced the fracture strength and elongation to failure.43–51 These changes 
can reduce the wear resistance of UHMWPE39,52–55 and cause the early 
failure of the implants. Consequently, alternative sterilization methods such 
as gamma radiation in a reduced oxygen environment (i.e. in inert gas or 
partial vacuum), gas plasma sterilization or ethylene oxide sterilization 
(nonradiation methods) were used by several orthopedic manufacturers.54

Gamma sterilization in a reduced oxygen environment minimizes the 
immediate oxidation in the surface region of UHMWPE implant and pro-
motes cross-linking (Fig. 6.138). Cross-linking has been shown to improve 
the wear resistance of UHMWPE acetabular cups markedly in laboratory 
wear simulators and in clinical studies (Fig. 6.254 and Fig. 6.356).57–70 In order 
to retain the potential benefi ts of gamma-induced cross-linking, while 
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reducing the immediate and long-term oxidative degradation, in the 
mid-1990s, several orthopedic manufacturers began to gamma-sterilize 
UHMWPE components in a low-oxygen atmosphere. This could be accom-
plished by sealing the fi nished components in a partial vacuum,71 in an inert 
gas such as nitrogen72 or argon, or with a chemical scavenger to absorb the 
oxygen.73 Packaging in a low-oxygen environment after fabrication mini-
mized the diffusion of oxygen into the UHMWPE and prevented it from 
oxidation during the course of irradiation sterilization and shelf storage 
prior to implantation. However, regardless of the atmosphere in which the 
specimens were irradiated, once the package was open to air, the residual 
free radicals that remained in UHMWPE components after irradiation can 
combine with any oxygen that subsequently diffused in from the surface, 
initiating a progressive oxidation process38,41 and thereby reducing the level 
of cross-linking and mechanical properties. Although it is generally recog-
nized that oxygen diffusion will be much lower in vivo than during storage 
in air, owing to the lower concentration of oxygen in the body fl uids, Currier 
et al.39 and Kurtz et al.44 have reported that the in vivo oxidation of gamma-
sterilized UHMWPE do occur after implantation. Thus, in vivo oxidation 
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can occur in the UHMWPE components gamma sterilized in a low-oxygen 
atmosphere. Further studies of retrieved UHMWPE components that have 
been treated in this way are needed.

The amount of residual free radicals present in irradiated UHMWPE 
may be reduced by annealing, i.e. by heating below the melt transition 
temperature for an extended period.72,74,75 However, since crystalline regions 
remain in the polyethylene during annealing, many of the free radicals are 
not neutralized. Jahan and coworkers76,77 reported that substantial amount 
of free radicals remained afer annealing. This renders the potential suscep-
tible to oxidative degradation to some extent and a reduction in the wear 
resistance in the irradiated and annealed UHMWPE components.54 In con-
trast, residual free radicals can be virtually eliminated if the polyethylene 
is heated above the melt transition temperature (about 150  ºC) for a few 
hours.60,61,64 However, since heating to this temperature could cause unac-
ceptable distortion of a fi nished component, remelting to eliminate free 
radicals is typically applied to pre-cross-linked bulk material, before it is 
machined into a fi nal component. This approach can provide a cross-linked 
UHMWPE component with high resistance to oxidation and wear (see 
discussion below).

Further information on the effects of radiation on UHMWPE, including 
melting behavior, tensile properties, fatigue strength and fracture tough-
ness, free radicals and oxidation have been published.6,45,49,51,78–100

6.4.2 Ethylene oxide sterilization

Ethylene oxide (EtO) sterilization is a surface sterilization process that 
deactivates bacteria, spores and viruses.101,102 The effi cacy of an EtO steril-
ization cycle is dependent on stringent control of process parameters, includ-
ing temperature, humidity, pressure and gas duration time.101,102 Because of 
its toxicity, highly hazardous and fl ammable nature, and toxic residues, 
implant manufacturers who sterilize UHMWPE components with ethylene 
gas have the responsibility to comply with the federal regulations.101

EtO sterilization does not generate free radicals in UHMWPE.103 
Therefore, this sterilization process will not cause oxidization or form cross-
linking in UHMWPE components, and it does not substantially affect the 
physical, chemical and mechanical properties of UHMWPE.87,91 Sterilizing 
UHMWPE components with EtO can avoid the immediate and long-term 
oxidative degradation of the components41,43,91,102–104 but does not improve 
the inherent wear resistance of UHMWPE (because of lack of cross-
linking). In a hip simulator study (without thermal aging), it was shown that 
EtO sterilized cups exhibited about 30–50% higher wear rate than did the 
gamma-irradiated cups (Fig. 6.2).54,63,105,106 In a short-term clinical follow-up, 
Digas et al.107 reported that, after implantation for 2 years, EtO-sterilized 
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UHMWPE cups had almost twice the proximal and three-dimensional 
penetration rates, compared with the UHMWPE gamma sterilized in a 
low-oxygen atmosphere. In contrast, in follow-up intervals of 2 and 14 
years, EtO-sterilized cups showed comparable wear rate with the cups 
gamma sterilized in air.108 Clinically, the wear rate of EtO-sterilized cups 
might be lower than that of cups gamma sterilized in air, particularly if the 
cups gamma sterilized in air are shelf aged for a long period prior to implan-
tation. Although the UHMWPE cups gamma sterilized in a low-oxygen 
atmosphere had the advantage of 30–50% lower wear rate than the EtO-
sterilized cups, the clinical wear rate of the former cups might eventually 
be higher than that of the latter cups if a substantial amount of oxidation 
were to occur in the cups gamma sterilized in a low-oxygen atmosphere.54 
On the other hand, if the EtO-sterilized cups fails during the early stage 
owing to wear-induced osteolysis, the long-term benefi t of greater resis-
tance to oxidation will diminish.

6.4.3 Gas plasma sterilization

Gas plasma sterilization is a low-pressure low-temperature plasma-based 
process. Plasma is an ionized or partially ionized gas and is created by 
microwave electromagnetic fi eld. The sterilization method uses a two-phase 
vapor process in which a peroxide or peracetic acid vapor is alternately 
introduced with a plasma-based gas mixture, rendering the implants 
sterile.109 Because the process does not leave toxic residues on the implants, 
the implants may be used as soon as they are removed from the sterilizer 
with no aeration. Gas plasma sterilization also eliminates the safety and 
environmental issues associated with EtO sterilization.

Gas plasma sterilization is a surface sterilization process and does not 
produce free radicals in UHMWPE.103 Thus, similar to EtO sterilization, 
gas plasma sterilization does not cause oxidative degradation and has 
minimal effect on the mechanical properties.41,102,109 UHMWPE compo-
nents sterilized with EtO or gas plasma will probably exhibit similar clinical 
outcomes. Because UHMWPE is not cross-linked by gas plasma, there is 
no improvement in the inherent wear resistance of the material, which is 
supported with a hip simulator study.54 Clinically, Hopper et al.110 reported 
that the UHMWPE liners that had been sterilized with gamma radiation 
in air exhibited a signifi cantly lower wear rate than did the liners sterilized 
with gas plasma.

6.5 Cross-linking to improve implant wear properties

Polyethylene cups that were intentionally cross-linked at levels much higher 
than occurs with radiation sterilization (2.5–4  Mrad) were used in three 
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clinical studies. Grobbelaar et al.68,69 cross-linked fi nished polyethylene cups 
with 10  Mrad of gamma radiation. By irradiating the cups in the presence 
of acetylene gas, cross-linking in the surface layer (about 300  µm) was 
substantially increased above what would normally occur at 10  Mrad. No 
post-irradiation thermal treatment was carried out to reduce residual free 
radicals. In a 14–20 year follow-up based on radiographs, Grobbelaar et al.69 
reported a ‘lack of measurable wear’ in 56 out of 64 cases and only two 
revisions due to osteolytic loosening.

Oonishi et al.67,111 cross-linked fi nished polyethylene cups with 100  Mrad 
of gamma radiation in an ambient atmosphere. As with the Grobbelaar et 
al. method, no post-irradiation thermal treatment was performed to reduce 
residual free radicals. In an early clinical follow-up, Oonishi et al.67 reported 
steady-state wear rates of 0.247  mm/year and 0.098  mm/year for non-cross-
linked polyethylene cups bearing against cobalt–chromium and alumina 
heads, respectively, and 0.076  mm/year and 0.072  mm/year for 100  Mrad 
cross-linked polyethylene cups bearing against cobalt–chromium and 
alumina heads, respectively. Recently, in the mean follow-up of 17.3 years, 
it was reported that, against cobalt–chromium femoral heads, the steady-
state wear rates averaged 0.29  mm/year and 0.06  mm/year for the noncross-
linked and 100  Mrad cross-linked polyethylene cups, respectively.111

Wroblewski et al.112 chemically cross-linked polyethylene cups with silane. 
In a 10-year follow-up, Wroblewski et al. reported that, after an initial 
‘bedding-in’ period (2 years), the average steady-state wear rate of cross-
linked polyethylene against alumina ceramic head was only 0.02  mm/year. 
While this wear rate was well below the clinical range for cups gamma 
sterilized in air, it was not clear how much of the advantage was due to the 
head material rather than to cross-linking. Nevertheless, the results of the 
three clinical studies were encouraging in that, despite any reduction in 
material strength caused by elevated cross-linking and the lack of thermal 
treatment to reduce residual free radicals in the gamma-cross-linked poly-
ethylenes, none of the investigators reported fracture or other mechanical 
failures from the cross-linked polyethylene cups.

6.5.1 Intentional cross-linked, thermally stabilized ultrahigh-
molecular-weight polyethylenes

Current fabrication methods of intentional cross-linked, thermally stabi-
lized UHMWPEs are illustrated in Fig. 6.4. Extruded bars or molded blocks 
of UHMWPE are fi rst cross-linked by gamma or electron-beam irradiation. 
The cross-linked UHMWPE is then subject to thermal treatment (anneal-
ing or remelting) to reduce residual free radicals generated by irradiation 
and improve its resistance to oxidation. Final components are machined 
from the central portion of thermally treated cross-linked UHMWPE, 
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thereby removing the most oxidized surface layer. Implants are packaged 
and sterilized. Implants are preferably sterilized with nonradiation methods 
(EtO or gas plasma) in order not to reintroduce free radicals. The key 
difference between conventional polyethylene and modern cross-linked 
polyethylene is that, in the historical fabrication process, UHMWPE com-
ponents are fi rst machined out of raw materials, packaged and sterilized 
with gamma radiation in air (gamma sterilized in a low-oxygen environment 
for the later process) (Fig. 6.4), leading to surface oxidation and residual 
free radicals in UHMWPE implants. As is well known, residual free radicals 
lead to long-term oxidative degradation and eventually degrade the 
mechanical and wear properties of UHMWPE implants. Thus, compared 
with conventional UHMWPE, the modern cross-linked UHMWPE can 
provide a higher level of cross-linking to reduce the wear rate of UHMWPE 
while substantially improving its oxidation resistance (except for Crossfi reTM 
polyethylene, discussed below).

A number of laboratory wear simulations have demonstrated that the 
wear rate of UHMWPE cups decreases markedly with an increasing level 
of cross-linking.60,63,64 As shown in Fig. 6.3,56 the greatest wear reduction per 
megarad occurred as the dose increased from zero to about 5  Mrad, with 
progressively less improvement at higher doses and no additional benefi t 
after 10–15  Mrad. Although the baseline wear rate differed between various 
wear simulators owing to systematic differences in the load, sliding distance 
per cycles and other factors, the dose–wear curve was essentially consistent 
for different laboratories and with different cross-linking techniques.56 
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While the dose–wear relationship is the basis for the recent development 
of various intentionally cross-linked UHMW polyethylenes, orthopedic 
manufacturers have arrived at different opinions on the optimum dose and 
processing parameters for optimizing the clinical performance of a cross-
linked UHMWPE implant. The fabrication and characteristics of the new, 
intentionally cross-linked, thermally stabilized UHMWPEs are summa-
rized in Table 6.1.112–115

MarathonTM gamma-cross-linked and remelted polyethylene

In the Marathon process, extruded bars of UHMWPE are cross-linked with 
5  Mrad of gamma radiation. The cross-linked bars are then heated to 155  ºC 
(above melting temperature) for 24  h, followed by annealing at 120  ºC for 
24  h and then slow cooling to room temperature. Because the residual free 
radicals generated by irradiation are primarily trapped in the crystalline 
region, heating above the melting temperature enables them to combine 
each other, forming additional cross-links and minimizing the potential for 
long-term oxidation.60,61 The acetabular cup is then machined from the 
central portion of the cross-linked and remelted bar, thereby removing the 
oxidized surface layer, and is sterilized using gas plasma to avoid reintro-
ducing free radicals or increasing the level of cross-linking. Under clean test 
conditions, the MarathonTM polyethylene has shown about 85% reduction 
in wear compared with non-cross-linked polyethylene, while against severely 
roughened femoral balls, MarathonTM still shows substantially better wear 
resistance than non-cross-linked polyethylene.61

XLPETM gamma-cross-linked and remelted polyethylene

XLPETM is fabricated in a similar manner to MarathonTM, except that the 
cross-linking dose is 10  Mrad and the fi nal component is sterilized with 
EtO.

LongevityTM electron-beam-cross-linked and remelted polyethylene

In the Longevity process, compression-molded sheets of UHMWPE are 
cross-linked at room temperature with a 10  MeV electron beam to a total of 
10  Mrad. The cross-linked UHMWPE is then heated at 150  ºC for about 2  h 
to extinguish the residual free radicals. Final components are machined 
from the cross-linked and remelted material and sterilized with gas plasma.116

DurasulTM electron-beam-cross-linked and remelted polyethylene

In the Durasul process, UHMWPE is machined into short segments or 
pucks that are preheated to about 125  ºC and cross-linked from both sides 



Table 6.1 Comparison between new cross-linked, thermally stabilized polyethylenes. The processing parameters shown in this 
table were compiled from various publications and information provided by the manufacturers and are subject to ongoing 
modifi cation. For Crossfi reTM and AeonianTM, the total cross-linking dose will depend on how much irradiation is used for 
terminal sterilization. The allowable range is 2.5–4  Mrad. (Modifi ed with permission from McKellop56)

Name and Radiation type and Thermal stabilization Final sterilization Total cross-linking
manufacturer dose   dose and type

MarathonTM, Gamma radiation to Remelted at 155  °C for 24  h Gas plasma 5  Mrad, gamma
DePuy, Inc. 5  Mrad at room 
 temperature
XLPETM, Smith & Gamma radiation to Remelted at 150  °C for 2  h Eto 5  Mrad, gamma
Nephew– 10  Mrad at room
Richards, Inc. temperature
LongevityTM, Electron-beam radiation Remelted at 150  °C for about 6  h Gas plasma 10  Mrad, electron
Zimmer, Inc. to 10  Mrad at warm   beam
 room temperature
DurasulTM, Electron-beam radiation Remelted at 150  °C for about 2  h Eto 9.5  Mrad, electron
Zimmer, Inc. to 9.5  Mrad at 125  °C   beam
Crossfi reTM, Gamma radiation to Annealed at about 120  °C for a Gamma at 2.5–3.5  Mrad 10–11  Mrad, gamma
Stryker Osteonics 7.5  Mrad at room proprietary duration while packaged in
Howmedica, Inc. temperature  nitrogen
SXLTM,113 Stryker Gamma radiation to Annealed at about 130  °C for 8  h. Gas plasma 9  Mrad, gamma
Osteonics 3  Mrad at room The cycle of gamma radiation
Howmedica, Inc. temperature (fi rst (3  Mrad) and annealing is
 cycle) repeated twice more to a total 
  dose of 9  Mrad
AeonianTM, Gamma radiation to Annealed at 110  °C for 10  h Gamma at 2.5–4  Mrads 6–7.5  Mrad, gamma
Kyocera, Inc. 3.5  Mrad at room  while packaged in 
 temperature  nitrogen
ArComXLTM,114 Gamma radiation to Annealed at 130  °C for a Gas plasma 5  Mrad, gamma
Biomet, Inc. 5  Mrad at room proprietary duration while
 temperature applying solid-state hydrostatic 
  extrusion. After mechanical
  deformation, annealed at 130  °C
  for stress relief
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with a 10  MeV electron beam to a total of 9.5  Mrad. The cross-linked 
UHMWPE is then heated above the melting temperature to extinguish free 
radicals. Components are machined from the cross-linked and remelted 
material and sterilized with EtO.62 Comparative tests indicated that elec-
tron-beam cross-linking at warm temperature provided less reduction in 
elongation to break and toughness than that at room temperature.62

Although there is no difference in the type of radiolytic event induced 
with electron-beam or gamma radiation, the spatial profi les of these events 
(i.e. the penetration of radiation) are substantially different for the two 
radiation methods. In general, gamma irradiation can penetrate the entire 
thickness of raw UHMWPE material (e.g. a rod of 3  in diameter or 
compression-molded block), while the penetration of electron-beam radia-
tion is dependent on the beam energy and the density of the absorbing 
material. Thus, to assure the dose uniformity (i.e. uniform cross-linking) 
with electron-beam radiation, attention to the control of process parame-
ters is required. A study on the spatial distribution of electron-beam pene-
tration in UHMWPE indicated that the extent of beam penetration 
increased with increasing irradiation temperature and that the optimum 
thicknesses with maximum uniformity in the dose–depth profi le for double-
sided irradiation were 85  mm and 90  mm for irradiation temperatures of 
25  ºC and 125  ºC, respectively.117

Crossfi reTM gamma-cross-linked and annealed polyethylene

Different from the Marathon process, in which the cross-linked polyethyl-
ene is heated above the melting temperature to extinguish residual free 
radicals, in the Crossfi re process, extruded bars of UHMWPE are cross-
linked with 7.5  Mrad of gamma radiation and then the cross-linked bars are 
annealed below the melting temperature for a proprietary duration. Cups 
are machined out of the cross-linked and annealed bars, packaged in a 
nitrogen atmosphere and sterilized by exposure to an additional 2.5–
3.5  Mrad of gamma radiation. After the fi nal gamma sterilization, no 
thermal treatment is applied to extinguish residual free radicals.

Developers of the Crossfi re process prefer annealing to remelting of 
irradiated UHMWPE on the basis that annealing induces less change in 
material morphology and properties.118 However, unless the cross-linked 
UHMWPE is heated above its melting temperature, residual free radicals 
that are trapped in the crystalline regions would remain in the polyethylene, 
i.e. annealing (heating below the melting temperature) is not as effective 
as remelting (heating above the melt temperature) in extinguishing the 
residual free radicals. For example, in one study,119 it was reported that the 
Crossfi re UHMWPE contained 58% more residual free radicals than 
control UHMWPE (gamma sterilized in either air or nitrogen). Therefore, 
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after artifi cial aging at 80  ºC in air for 3 weeks, Crossfi re UHMWPE exhib-
ited substantial oxidative degradation in its strength and wear resistance.119 
In contrast, artifi cial aging had negligible effect on the wear and mechanical 
properties of cross-linked and remelted polyethylenes.61 In a separate study 
of real-time aging (up to 128 weeks),121 the Crossfi re UHMWPE exhibited 
higher oxidation than the conventional UHMWPE (gamma sterilized in a 
low-oxygen atmosphere), while the irradiated and melted UHMWPE 
showed no detectable oxidation. In a limited series of retrieved, highly 
cross-linked UHMWPE acetabular cups, it was found that three of the nine 
retrieved Crossfi re components showed markedly elevated oxidation and 
crystallinity after in vivo service of less than 3 years, whereas none of the 
Durasul or Longevity components showed detectable oxidation after in 
vivo durations up to 3 years.121 Thus, in vivo oxidation of the Crossfi re 
UHMWPE may become a clinical issue in the long term.

Sequentially cross-linked and annealed polyethylene

In this process, compression-molded blocks of UHMWPE are fi rst cross-
linked by irradiating with gamma rays to 3  Mrad and then annealed at 
130  ºC for 8 hours.113,122 The cross-linked and annealed UHMWPE is then 
processed twice more with the above procedures to give a cumulative dose 
of 9  Mrad (SXLTM).113,122 Components are then machined from the cross-
linked and annealed UHMWPE and sterilized with gas plasma. In hip and 
knee wear simulator studies, the SXLTM UHMWPE showed reductions of 
97% and 79%, respectively, over the control UHMWPE that was gamma 
sterilized in nitrogen to 3  Mrad.113,123,124

The key differences between SXLTM and Crossfi reTM UHMWPEs are 
that the SXLTM process irradiates (3  Mrad) and anneals the UHMWPE for 
three times to a cumulative dose of 9  Mrad and sterilizes the fi nal compo-
nents with gas plasma, while the Crossfi reTM process irradiates the 
UHMWPE to 7.5  Mrad, anneals for 8  h at 130  ºC and sterilizes the fi nal 
components with gamma radiation in nitrogen (a total dose of 10–11.5  Mrad, 
depending on the sterilization dose). The manufacturer claimed that the 
SXLTM UHMWPE had lower free-radical concentration than its counter-
part, which had been irradiated to 9  Mrad (non-sequential) and annealed 
at 130  ºC for 8  h, such that the oxidation resistance of SXLTM UHMWPE 
was equivalent to that of virgin UHMWPE.122

AeonianTM gamma-cross-linked and annealed polyethylene

Except for lower cross-linking dose and annealing temperature, the 
rationale and processing of Aeonian are similar to those for Crossfi re 
UHMWPE.
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ArComXLTM gamma-irradiated and annealed, highly 
cross-linked polyethylene

In the ArComXLTM process, the isostatically molded rods are cross-linked 
with 5  Mrad of gamma radiation. The cross-linked UHMWPE is heated to 
130  ºC and the heated rod is then ram extruded through a circular die, with 
a diametral compression ratio of 1.5.114 This processing step reduces free-
radical concentration and induces plastic deformation and orientation of 
the molecules in UHMWPE. In the fi nal step, the deformed rod is annealed 
at 130  ºC to relieve residual stresses such that, after the stress relief step, 
the extruded rod retains 90–95% of its initial diameter.114 UHMWPE 
components are machined from the treated rod and sterilized with gas 
plasma.

Since the ArComXLTM UHMWPE is annealed below the melting point 
while applying mechanical deformation, the material shows greater similar-
ity to annealed, highly cross-linked UHMWPE, including a higher yield 
stress, ultimate strength and resistance to plastic deformation than to 
remelted materials, presumably owing to a higher crystallinity in the 
annealed materials. The ArComXLTM UHMWPE contained residual free 
radicals, but the concentration was 90% less than the control UHMWPE 
that was sterilized with gamma radiation in an argon environment. After 
accelerated aging at 70  ºC for 4 weeks in a pressure vessel containing 
oxygen at 5  atm, the ArComXLTM UHMWPE showed little evidence of 
oxidation.114

Several studies on the tensile properties of new cross-linked UHMWPEs 
are summarized in Table 6.2.114,122,125 Other properties such as crystallinity, 
degree of cross-linking, concentration of residual free radicals, resistance 
to oxidation, and fatigue strength were also reported in these studies. 
Further information on the fatigue strength and fracture toughness, and 
other properties of cross-linked UHMWPE have been published.126–145

Other modifi cations that preserve the physical and mechanical properties 
and avoid oxidation include surface-gradient cross-linking with low-energy 
electron-beam radiation146 and the addition of vitamin E to the irradiated 
UHMWPE.147–153 Since annealing and vitamin E are applied to improve the 
oxidation resistance of irradiated UHMWPE, these two techniques pre-
serve the crystallinity of irradiated materials. The idea of surface-gradient 
cross-linking with low-energy electron-beam radiation is to provide a 
UHMWPE component with a bearing surface having a wear resistance 
comparable with that with full-thickness cross-linking, while retaining the 
original strength and toughness of non-cross-linked polyethylene in the 
bulk of the implant.146 Low-energy electron-beam radiation is utilized to 
produce cross-linking that is limited to the surface area and gradually 
decreases with increasing depth below the surface (Fig. 6.5),146 thereby 



Table 6.2 Mechanical properties of cross-linked UHMWPEs. (Modifi ed with permission from Collier et al.125)

Cross-linked Yield point p value* Ultimate tensile p value* Elongation p value*
material (MPa)  strength (MPa)  (%)

ArCom®, Biomet, Inc. 24 ± 0.8 <0.01 59 ± 4.7 0.3826 240 ± 38 <0.01

MarathonTM, DePuy/ Johnson 21 ± 0.5 <0.01 56 ± 7.0 0.1892 300 ± 14 <0.01
& Johnson, Inc.

Refl ectionTM XLPE (5  Mrad), Smith 20 ± 1.3 <0.01 56 ± 7.1 0.1895 300 ± 20 <0.01
& Nephew–Richards Inc.

Crossfi reTM, Stryker Howmedica 22 ± 1.0 0.8177 53 ± 5.3 <0.01 230 ± 17 <0.01
Osteonics, Inc.

DurasulTM, Zimmer, Inc. 19 ± 1.6 <0.01 34 ± 3.4 <0.01 330 ± 19 <0.01

LongevityTM, Zimmer, Inc. 21 ± 1.1 0.0271 43 ± 5.3 <0.01 250 ± 25 <0.01

SXLTM,122 Stryker Howmedica 23.5 ± 0.3 Not 56.7 ± 2.1 Not 267 ± 7 Not
Osteonics, Inc.  applicable  applicable  applicable

ArComXLTM,114 Biomet, Inc. 24.2 ± 0.4† Not 64.7 ± 4.5† Not 207 ± 11† Not
  applicable  applicable  applicable

HSS reference UHMWPE 21.7 ± 1.0 — 58 ± 4.7 — 380 ± 10 —

*  Probability values are for the t test between the cross-linked materials and the Hospital for Special Surgery (HSS) reference 
UHMWPE.
†  Specimens were taken along the long axis of the rod.
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avoiding a sudden change in properties that might constitute a weak inter-
face and lead to delamination. After radiation cross-linking, residual free 
radicals are markedly reduced by annealing at 100  ºC for 6 days. The 
desired amount and depth profi le of cross-linking can be obtained by adjust-
ing the beam energy and radiation dose such that, through the lifeime of 
in vivo service, the cross-linked surface area will not be worn away. 
Although the wear rates at a given dose of low-energy (650  keV) electron-
beam radiation tended to be higher than for cups cross-linked to the same 
total dose using gamma radiation or high-energy (10  MeV) electron-beam 
radiation, this may have been caused by the fact that the 650  keV electron 
beam generated fewer cross-links per megarad. If correct, then there also 
should be less reduction in the physical properties of the UHMWPE of the 
cross-linked layer, such that the electron-beam dose could be increased 
above 15  Mrad to provide even greater wear resistance, while preserving 
adequate mechanical properties of the cross-linked surface layer, and the 
original mechanical properties in the non-cross-linked bulk of the 
implant.146

Another technique to preserve the physical and mechanical properties 
of UHMWPE and to avoid oxidation is to incorporate an antioxidant 
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(α-tocopherol or vitamin E) in the irradiated UHMWPE. There are two 
processes to incorporate vitamin E in the irradiated UHMWPE. In one 
process, vitamin E is blended with the UHMWPE powder before consoli-
dation.149,151,152 This process produces a uniform distribution of vitamin E in 
UHMWPE. After consolidating the mixture, the vitamin-E-containing raw 
material is subject to radiation cross-linking to improve its wear resistance. 
Since vitamin E acts as a scavenger for free radicals during irradiation, the 
level of cross-linking produced in the vitamin-E-containing UHMWPE is 
lower than that in the control material (with no vitamin E) that was irradi-
ated to the same total dose.152 The lower level of cross-linking in the irradi-
ated vitamin-E-containing UHMWPE is supported with a hip simulator 
wear study in that the wear rates of the irradiated vitamin-E-containing 
UHMWPEs are higher than that of the control material irradiated to same 
total dose.149 In another process, UHMWPE is fi rst cross-linked by irradia-
tion, and the irradiated material is then soaked in vitamin-E-containing 
solution for the diffusion of vitamin E into the interior.147,148,150 The amount 
of vitamin E incorporated into irradiated UHMWPE is determined by the 
soaking time and temperature. Because vitamin E is doped after radiation 
cross-linking, the vitamin-E-doped irradiated UHMWPE shows oxidation 
and wear resistance comparable with those of contemporary highly cross-
linked and melted UHMWPEs and a fatigue resistance higher than those 
of contemporary cross-linked UHMWPEs.147 Although vitamin E is gener-
ally recognized as safe and approved for use in food contact applications, 
the addition of vitamin E in irradiated UHMWPE requires that the Food 
and Drug Administration or other international organizations approve it 
for implant applications.154

The substantial improvement of wear resistance with the cross-linked 
UHMWPE (between 5 and 10  Mrad (Fig. 6.3)) would provide a substantial 
clinical benefi t. One clinical review has indicated that signifi cant osteolysis 
is rare in patients whose polyethylene acetabular cups are wearing linearly 
less than 0.1  mm/year.155 In contrast, if the linear wear rate exceeds 0.3  mm/
year, osteolysis becomes more common. Thus, if the wear rates in the clini-
cal use of these new cross-linked polyethylenes is as low as in the laboratory 
tests, the rate of accumulation of polyethylene wear particles should be well 
below the level that is necessary to initiate osteolysis.

However, increasing the level of cross-linking alone can reduce the 
strength and toughness of the UHMWPE below that necessary to avoid 
fracture in vivo.59,156 In determining an amount of cross-linking that will 
retain safe values of strength and toughness, it should be recalled that the 
majority of polyethylene cups that were implanted during the past three 
decades were cross-linked to a moderate level with 2.5–4  Mrad of gamma 
radiation used for sterilization. Despite this, fracture in vivo has been rare, 
and the components that have fractured were typically found to be highly 
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oxidized.157 This historical track record implies that the strength and tough-
ness of an UHMWPE component that has a moderate amount of inten-
tional cross-linking and has been rendered immune to post-irradiation 
oxidative degradation by the application of a suitable thermal treatment to 
eliminate residual free radicals should be more than suffi cient even for 
high-stress clinical applications such as knee prostheses. As shown in Fig. 
6.6,61 because of the elimination of residual free radicals, the mechanical 
properties of acetabular cups fabricated from cross-linked and remelted 
UHMWPE are signifi cantly more stable with time than has been typical of 
the components gamma sterilized in air which have been clinically used in 
the past. Thus, it is expected that an UHMWPE acetabular cup that is 
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6.6 Typical values of the tensile properties of non-cross-linked and 
cross-linked UHMWPEs, compiled from previously published studies: 
(a) conventional nonirradiated (non-cross-linked) polyethylene;60 (b) 
polyethylene that has been sterilized by gamma irradiation in air (as 
was used industrially for the past two decades) prior to aging; (c) 
polyethylene gamma sterilized in air after aging for 5 years or more in 
vivo;43 (d) the cross-linked and remelted polyethylene of the present 
study. Although cross-linking at 5 Mrad reduces the initial tensile 
properties relative to non-cross-linked material, these were still above 
the minima used by the ASTM International to defi ne UHMWPE. 
Because of the removal of the free radicals by remelting, there was 
little or no additional reduction in mechanical properties after exten-
sive artifi cial aging (14 days at 70  °C under oxygen at 5  atm).158 Thus, 
implant components fabricated from gamma-cross-linked and 
remelted polyethylene should not experience the progressive degrada-
tion of their mechanical properties during clinical use that has been 
typical of past components that had been irradiated in air.43 
(Reproduced with permission from McKellop et al.61)
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moderately cross-linked and adequately stabilized against oxidative degra-
dation will be less likely to fracture than the cups gamma sterilized in air 
and oxidized, which have been the clinical standard for the past three 
decades.112 The optimal cross-linking dose will provide a UHMWPE with 
suffi cient wear resistance to avoid osteolysis in even the most active patients, 
while retaining the strength and toughness well above that required for a 
lifetime of clinical use. Close monitoring the clinical performance of each 
of the new cross-linked polyethylenes is required.

6.5.2 Clinical studies of new cross-linked 
ultrahigh-molecular-weight polyethylenes

To date, there have been several clinical follow-ups available among modern 
cross-linked UHMWPEs. Using computer-assisted radiographic measure-
ment techniques, Hopper et al.159 reported that, based on early (2–3 years) 
wear data, Marathon polyethylene liners, cross-linked with 5.0  Mrad of 
gamma irradiation, were wearing at a mean rate of 0.08  mm/year. This rate 
is about half that of non-cross-linked polyethylene but represents a more 
modest wear reduction than in vitro simulator studies have predicted. 
Heisel et al.160 reported that Marathon cross-linked UHMWPE (mean dura-
tion of follow-up, 33 months) showed 81% lower wear than conventional 
UHMWPE gamma sterilized in air. When accounting for differences 
in patient activity, the adjusted wear reduction for Marathon cross-
linked UHMWPE was 72%, suggesting that the in vivo wear reduction with 
Marathon is consistent with the predictions of hip simulator studies.160 
Another clinical study reported by Sychterz et al.161 indicated that Marathon 
cross-linked polyethylene (0.12  mm/year) had a lower true wear rate than 
non-irradiated Enduron polyethylene liners (0.22  mm/year) at 3.2 years, 
and a greater proportion of Marathon liners had true wear rates below 
0.1  mm/year (62% versus 22%).

In a randomized evaulation of penetration rate in cemented and unce-
mented sockets using radiostereometric analysis, Digas et al.162 reported 
that, at 2 years follow-up, Longevity, highly cross-linked polyethylene 
showed lower proximal penetration (62%) and lower total penetration 
(31%) than the control UHMWPE gamma sterilized in nitrogen. Bradford 
et al.163 reported that a hip with a Longevity cup was revised after 2 years 
owing to midstem osteolysis. The cup rim was grooved because of neck–
socket impingement. Although Bradford et al. implied that the lysis was 
associated with the cross-linked polyethylene cup, they also reported, but 
did not discuss, the fact that the grit-blasted stem was loose in the cement 
mantle. It is highly likely that the lysis was caused by cement and/or metal 
debris generated by stem–cement micromotion, rather than by the polyeth-
ylene debris from the cup.
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In a 2-year follow-up study, Digas et al.164 reported that Durasul, highly 
cross-linked polyethylene showed 50% reduction of proximal wear com-
pared with the control UHMWPE gamma sterilized in nitrogen (when 
patients were studied standing). Dorr et al.165 reported that, at 5-year follow-
up, the annual linear wear rate of Durasul cross-linked polyethylene was 
45% of that seen with the conventional polyethylene liner (i.e. 55% reduc-
tion), while the qualitative wear pattern of the highly cross-linked polyeth-
ylene liner was the same as that of the conventional polyethylene liner.

Martell et al.166 reported that Crossfi re, highly cross-linked polyethylene 
liners, had lower two- and three-dimensional linear wear rates (42% and 
50%, respectively) than conventional polyethylene liners gamma sterilized 
in nitrogen. In a 5-year follow-up study, D’Antonio et al.167 reported that 
the calculated annual wear was 0.036 mm/year for the Crossfi re components 
and 0.131  mm/year for the controls (gamma sterilized in nitrogen), a reduc-
tion of 72%. Radiographic review at most recent follow-up showed a reduc-
tion in erosive osteolytic lesions of the proximal femur for the Crossfi re 
components compared with controls, also suggesting a reduction in debris 
release for the Crossfi re components.167 In a case study reported by Della 
Valle et al.,168 it was shown that titanium deposited on ceramic head after 
recurrent dislocation damaged (severe scratching) Crossfi re, highly cross-
linked polyethylene liner. Another clinical follow-up reported by Rohrl et 
al.169 indicated that, from 2 to 24 months, the mean proximal head penetra-
tion (wear) was 156  µm for standard polyethylene (gamma sterilized in air), 
138  µm for stabilized polyethylene (Duration, gamma sterilized in nitrogen 
and thermally stabilized) and 23  µm for Crossfi re, highly cross-linked poly-
ethylene. The low in vivo wear rate for highly cross-linked cups was not at 
the expense of higher migration or less favorable clinical outcome and looks 
promising.169

6.6 Future trends

Short-term clinical follow-up indicated that the new cross-linked UHMWPEs 
show a substantial improvement in wear resistance over that of conven-
tional UHMWPE. This is encouraging because, with the use of new cross-
linked UHMWPEs, the osteolysis induced by UHMWPE wear particles 
essentially might be eliminated, substantially extending the lifespan of 
implants. Future developments of new cross-linked UHMWPE include 
optimization between the cross-linking dose (wear resistance) and mechan-
ical properties for specifi c implant applications, adjusting thermal treat-
ment parameters to eliminate residual free radicals while preserving the 
material crystallinity, and any other methods that can remove residual free 
radicals in irradiation-cross-linked UHMWPE but maintain the mechanical 
properties of cross-linked UHMWPE, i.e. without further reducing the 
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mechanical properties during the process of eliminating residual free radi-
cals. In addition, implant design (e.g. liner thickness and locking mecha-
nism) can also play an important role in the in vivo performance of new 
cross-linked UHMWPEs, and optimization between design parameters and 
material properties should be taken into account. In the future, close moni-
toring of the clinical performance of the new cross-linked UHMWPE is 
required.

6.7 Sources of further information and advice

www.uhmwpe.org
www.uhmwpe.unito.it
www.jnjgateway.com/marathon
www.smithnephew.com
www.howost.com
www.zimmer.com
www.biomet.com
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7
Polymers in biosensors

F DAVIS and S P J  HIGSON, Cranfi eld University, UK

7.1 Introduction

This chapter will be devoted to the incorporation of polymers within bio-
sensors, beginning with a history and descriptions of basic sensor formats, 
while concentrating on optical and electrochemical sensors. Initially the 
chapter will discuss the incorporation of polymers as simple coatings for 
biosensors. These coatings are typically used, fi rstly, to improve selectivity 
(by preventing interferents from reaching the active parts of the sensors) 
and, secondly, to improve the biocompatibility of biosensors. Similar coat-
ings which are used as anchors for biomolecules in various techniques will 
also be discussed. Following this is a section on polymers that have a more 
active role. Conducting polymers will be discussed and their structures and 
use in biosensors will be described. A section follows on redox-active poly-
mers and their use to ‘wire’ biological moieties to electrodes. Finally, we 
shall discuss molecularly imprinted polymer (MIPs) and their potential to 
replace biological molecules as active components within biosensors.

7.2 The development and format of biosensors

A biosensor is a device that measures the presence or concentration of 
biological molecules, by translating a biochemical interaction at the sensor 
surface into a quantifi able physical response; this is usually optical or elec-
trochemical in nature. Most sensors consist of three principal components, 
as described below and detailed in Fig. 7.1.

1 The fi rst of these includes a receptor species, which is usually biological 
in origin such as an enzyme, antibody or deoxyribonucleic acid (DNA) 
strand capable of recognising the analyte of interest with a high degree 
of selectivity; this is usually concurrent with a binding event between a 
receptor and the analyte. However, receptor species for biological mol-
ecules, which are themselves artifi cial in nature, can also be utilised.
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2 The second component that must be present is a transducer, enabling 
the translation of the binding event into a measurable physical change; 
possible events include the generation of electrons, protons, an electro-
chemically active chemical species such as hydrogen peroxide or simple 
physical changes such as a change in conductivity, optical absorbance 
or fl uorescence.

3 Thirdly there must be inclusion of a method for measuring the change 
detected at the transducer and converting this into useful information.

Usually biological molecules are utilised as the active recognition entity 
within a sensor. These display unsurpassed selectivities. For example, glucose 
oxidase will interact with glucose and no other sugar, and in this way will 
act as a highly selective receptor. In the case of glucose oxidase, the elec-
trochemically inactive substrate glucose is oxidised to form gluconolactone 
together with the concurrent generation of the electroactive species hydro-
gen peroxide. Enzymes also generally display rapid turnover rates and this 
is often essential, fi rstly, to avoid saturation and, secondly, to allow suffi cient 
generation of the active species in order to be detectable.

Antibodies bind solely to their antigens and achieve specifi city via a 
complex series of multiple non-covalent bonds. Since the principle of immu-
noassays were fi rst published by Yalow and Berson (1959), there has been 
an exponential growth in both the range of analytes to which the technique 
has been successfully applied and the number of novel assay designs that 
have been reported. Development of enzyme-labelled immunoanalytical 
techniques, e.g. enzyme-linked immunosorbent assay, has provided analyti-
cal tests without the safety risks associated with radiolabelling-based 
techniques.

The rapid measurement of analytes of clinical signifi cance, e.g. towards 
various disease markers, would permit earlier intervention, which in a 
medical setting is frequently of utmost importance. There has been much 
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research directed towards the development of direct immunosensors that 
do not rely on the use of a detectable label. Such a system will lead to 
simpler assay formats and, ideally, shorter detection times. A reusable and 
rapid detection system would, moreover, allow for continuous real-time 
measurement, so helping to maintain optimal homeostatic conditions.

Unfortunately, there are also some disadvantages related to the construc-
tion and use of biosensors. Often the biological species can either be 
extremely expensive or diffi cult to isolate in suffi cient purity. Immobilisation 
of these species can lead to loss of activity and the presence of various 
chemical species in the test solution can also cause loss of activity (e.g. 
enzymes can be easily poisoned by heavy metals). In biological samples 
such as blood or saliva, there can also be solutes that are electrochemically 
active and interfere with determinations of the target species. Again, in 
physiological fl uids such as blood, various species may be present which 
bind to the surface, so causing fouling and loss of sensor response.

A series of extensive reviews on biosensors and their history have been 
published elsewhere (Hall, 1990; Eggins, 1996; Wang, 2001) and therefore 
only a brief history will be given here. Easily the most intensively researched 
area has been towards the development of glucose biosensors (Wang, 2001; 
Newman et al., 2004). The reason for this is the prevalence of diabetes 
which has become a worldwide public health problem. The incidence of 
diabetes is continuing to increase with, at the time of writing, 170 million 
sufferers diagnosed worldwide (World Health Organisation, www.who.
org), with this number being estimated to reach 300 million by 2045 
(Newman et al., 2004). Diabetes is related to a number of factors such as 
obesity and heart disease, all of which make this disease one of the leading 
causes of death and disability in the world. The world market for biosensors 
is approximately US $5 billion with approximately 85% of the world com-
mercial market for biosensors currently being for blood glucose monitoring 
(Newman et al., 2004).

These factors have led to the development of a number of inexpensive 
disposable electrochemical biosensors for glucose, incorporating glucose 
oxidase immobilised at various electrodes. They are generally amperomet-
ric sensors, with electrodes polarised at a set potential; the oxidation or 
reduction of a chosen electroactive species at the surface will then lead to 
generation of a detectable current.

7.3 Polymer membranes in biosensors

Two major problems that can affect the performance of a biosensor are the 
presence of interferents and also biofouling. Interference from electroac-
tive substances is especially problematic when electrochemical measure-
ments are being made on physiological materials such as blood. For example, 
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glucose sensors can be affected by the presence of species such as ascorbate 
or acetaminophen (paracetamol), both of which can be oxidised at elec-
trode surfaces. Physiological fl uids, especially blood, also have a tendency 
to deposit materials such as proteins, usually irreversibly, on to solid sur-
faces. This biofouling process can diminish the response of sensors and in 
some cases can passivate them completely. This is especially a problem for 
sensors that we wish to utilise more than once or for sensors that are 
implanted in vivo. A detailed review on enhancing blood compatibility has 
been recently published elsewhere (Gavalas et al., 2006).

Application of a permselective coating to the sensor can prevent or mini-
mise the access of interfering compounds to the sensor surface, thereby 
minimising interference from electroactive species. Polymeric materials 
have led the way, with two of the earliest and most commonly utilised being 
the fl uorinated ionomer Nafi on (Turner and Sherwood, 1994) and cellulose 
acetate (Maines et al., 1997). A benefi cial side effect is that these materials 
can also confer a degree of biocompatibility. The structures of both materi-
als are shown in Fig. 7.2.

Cellulose acetate has been widely utilised as a selective barrier as well 
as for enhancing biocompatibility within electrochemical sensors (Maines 
et al., 1997). The cellulose acetate layer permits only small molecules, 
such as hydrogen peroxide, to reach the electrode, eliminating many 
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electrochemically active compounds that could interfere with the 
measurement.

Nafi on has also been widely utilised as a coating material, as reviewed 
here (Wisniewski and Reichart, 2000). The polymer displays the advantages 
of being chemically inert and easily cast from solution. As shown in Fig. 
7.2(b), the polymer is anionic and upon casting forms a structure with 
hydrophilic channels contained within a hydrophobic matrix. Films formed 
from this material are reasonably robust, show strong exclusion of anionic 
interferents and display enhanced biocompatibility (Moussy and Harrison, 
1994; Moussy et al., 1994). For example, Nafi on-coated electrodes show a 
much lower rate of signal attenuation when implanted in vivo for 2 weeks 
compared with untreated electrodes (Moussy and Harrison, 1994). Coating 
a glucose-oxidase-based biosensor with Nafi on was found to help to screen 
out interference from urea and ascorbate (Moussy et al., 1994).

A range of other polymers have also been utilised in the attempted pre-
vention of biofouling as described in the extensive review by Kingschott 
and Griesser (1999). Some of the most popular materials have been those 
based on poly(ethylene glycol) (PEG)–poly(ethylene oxide) (PEO) 
(Kingschott and Grieser, 1999). The reasons why a PEG–PEO surface 
should resist biofouling so well is a topic for a complete review article in 
itself; however, it has been widely reported that a very low adsorption of 
proteins occurs at the surface of these materials (Kingschott and Grieser, 
1999). PEG–PEO chains are usually highly solvated in aqueous systems, 
which means that any incoming protein molecules will experience a surface 
that is largely composed of water, so mimicking the typical conditions found 
within biological systems. This is thought to be a major contributor to their 
biocompatibility.

Simple physical adsorption of Pluronic (Fig. 7.2(c)) surfactants which 
consist of PEO–poly(propylene oxide) (PPO)–PEO block terpolymers 
(Green et al., 1998) has been utilised to treat a variety of materials. The 
PPO section of the chain is more hydrophobic and therefore is absorbed 
on to the substrate being treated. This leaves the hydrophilic PEO blocks 
stretching out from the surface into the aqueous phase. The make-up of 
the surfactant materials affects their biocompatibilities. For example, 
increasing the length of the PPO section leads to enhanced protein repul-
sion compared with increasing the length of the PEO section. Possibly only 
short PEO chains are necessary for effective protein repulsion, and increas-
ing the PPO section leads to better anchoring of the surfactant, thereby 
preventing either leaching of the coating into the aqueous phase or dis-
placement by protein molecules (Green et al., 1998).

Hydrogels have also been investigated as coatings for use within sensors. 
A hydrogel is usually based on polymers such as poly(vinyl alcohol) or 
poly(acrylic acid), which would normally be soluble in water but, either 
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during or after the polymer synthesis, the linear polymer chains become 
cross-linked into a polymer network. The resultant network has a high 
affi nity for water but does not dissolve, but rather it is capable of adsorbing 
water with consequent swelling of the polymer matrix. Because of their 
high water content, hydrogels often show high biocompatibility. Typical 
materials involve cross-linked PEO or poly(hydroxyethyl methacrylate) 
(PHEMA) (Fig. 7.2(d)). They are attractive materials not only because of 
their biocompatibility but also because water-soluble analytes are capable 
of diffusing quickly through the water-swollen polymer. The swelling 
behaviour can be easily controlled by the amount of cross-linking; a network 
with few cross-links will adsorb large amounts of water with a high degree 
of swelling. Less hydrophilic monomers, incorporation of hydrophobic 
comonomers or a high degree of cross-linking all act to reduce water 
adsorption, usually leading to a fi rmer, more rigid gel.

Hydrogels have been shown to act as stabilising layers when applied to 
sensors. For example, cross-linked PEO has been used to stabilise an 
implanted glucose sensor (Csoeregi et al., 1994). A more widely utilised 
application for hydrogels, however, has been as enzyme-stabilising agents. 
Enzymes can often denature and lose their effi ciency; however, this effect 
can be mitigated by encapsulating it inside a hydrogel. A swollen hydrogel 
of high water content mimics an aqueous environment and helps to prevent 
denaturing. For example, glucose oxidase could be incorporated within a 
cross-linked PHEMA membrane and enabled formation of a glucose sensor 
which only showed a 20% loss in activity after continuous operation for 3 
months (Doretti et al., 1996). Other polymers have also been utilised 
(Gibson and Woodward, 1992; Gibson et al., 1992). For example, a variety 
of enzymes have been stabilised using cationic polymers such as diethyl-
amino-modifi ed dextran. Alcohol oxidase retained 100% of its effi ciency 
after 2 months at 37  ºC when stabilisers were utilised (Gibson et al., 
1992).

Other polymers have also been studied as biocompatible agents. A study 
of protein deposition on membranes made from poly(vinyl chloride), poly-
urethane and silicone-rubber-based materials, for utilisation in solid-state 
ion sensors (Cha et al., 1991), found that polyurethane and silicone-based 
membranes exhibited less protein adsorption following exposure to blood. 
More recent research utilises silicone-modifi ed polyurethanes and showed 
enhanced biocompatibility compared with polyurethane and poly(vinyl 
chloride) (Berrocal et al., 2001). The modifi cation of poly(vinyl chloride) 
membranes with anionic surfactants also improves biocompatibility and has 
been utilised in the development of amperometric enzyme electrodes 
(Reddy and Vadgama, 1997).

Cell membranes consist mainly of phospholipids and therefore attempts 
have been made to synthesise polymers that contain phospholipid-type 



180 Biomedical polymers

head groups. Polymers, for example, based on the phospholipid polar 
group, such as 2-methacryloyloxyethyl phosphorylcholine (Fig. 7.3(a)), 
copolymerised with other methacrylate monomers, have been pioneered by 
Ueda et al. (1992). By correct selection of the monomers, materials were 
formulated and found to minimise adsorption of blood proteins greatly on 
to surfaces. Poly(2-methacroylethyl phosphorylcholine) (Fig. 7.3(b)) could 
be plasma deposited on to silicone rubber and the adhesion of albumin was 
found to be minimised by factors of up to 80 (Hsuie et al., 1998). These 
materials have been successfully applied to the outer membranes of ion-
selective electrodes (Berrocal et al., 2002; Yajima et al., 2002) and show 
enhanced biocompatibility. Glucose biosensors also showed enhanced in 
vivo lifetimes compared with unmodifi ed sensors (Ishihara et al., 1998) with 
a subcutaneously implanted probe showing lifetimes of up to 14 days. Other 
‘natural’ species can also be grafted on to polymer fi lms; for instance, 
heparin is found on the inside of vascular walls and can be grafted on to 
poly(vinyl alcohol)-based coatings (Brinkman et al., 1991).

An alternative approach has been to electropolymerise suitable mono-
mers to form protective coatings. 1,2-Diaminobenzene (Myler et al., 1997), 
for example, when deposited at the bioelectrode surface, serves both to 
stabilise the electrode due to its inherent high biocompatibility and also to 
impart selective exclusion of interferents such as ascorbate. Similar results 
were also obtained using polypyrrole (Vidal et al., 1999).

Plasma polymers have been the subject of recent interest. Basically, many 
chemical species if irradiated in a glow discharge or radiofrequency device 
will form a reactive plasma and deposit as a polymer on almost any surface 
(Muguruma and Karube, 1999). One advantage of this method is that it will 
often give pinhole-free, highly cross-linked fi lms which are extremely even 
over substrates of almost any shape. There has been some work on utilising 
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these materials in biosensors. Ethylenediamine was plasma polymerised on 
to a quartz crystal microbalance (QCM) chip to give a polymer surface that 
was very suitable for immobilisation of antibodies (Nakanishi et al., 1995). 
Plasma polymers are also especially suitable for use in microfl uidic type 
devices because of their deposition even over complex shapes (Hiratsuka 
et al., 2004). Deposition on to surface plasmon resonance (SPR) chips has 
also been studied (Mugurama et al., 2000).

This process has also been utilised for the development of immunosens-
ors. For example, butylamine plasma polymer fi lms have been utilised for 
the electrostatic adsorption of anticeruloplasmin antibody (Wang et al., 
2004). This system gave immunosensors capable of detecting 0.15  µg/ml of 
antigen.

7.4 Polymer coatings for biosensors

Coatings have also been used elsewhere in the biosensing world. The two 
examples given below are commercial variations on the theme of sensors, 
although they tend to be used more as research tools rather than as wide-
spread applications.

SPR is a technique widely used for probing immunological interactions. 
Commercial SPR systems are widely available with Biacore AB being the 
major systems provider at the time of writing (Karlsson, 2004). SPR is a 
method that combines optical and electrochemical phenomena at a metal 
surface and is capable of measuring real-time label-free biomolecular inter-
actions. The nature of the surface of the SPR chip can affect the nature of 
any interactions. Polymer coatings are often utilised, usually to minimise 
non-specifi c interactions. Most commercial chips are coated with carboxy-
methylated dextran or substituted variants (Karlsson, 2004).

One of the major biotechnology success stories of recent times has been 
the sequencing of the human genome. The detection of specifi c DNA 
sequences has been a major issue in the fi eld of biological sciences for many 
years. Early methods were intensively laborious, expensive and time con-
suming and have now been superseded by the appearance of DNA arrays, 
permitting multiple-sequence detection with high specifi city and rapid 
response times. DNA microarrays are constructed by spotting a variety of 
known oligonucleotides on to precisely defi ned locations on a solid sub-
strate, usually a glass microscope slide. Immobilisation of the DNA is often 
electrostatic, usually by means of a cationic polymer such as polylysine. A 
wide variety of precoated slides are now commercially available.

7.5 Conducting polymers in biosensors

Conducting polymers are especially suitable for immobilisation of enzymes 
at electrode surfaces and this process has been reviewed in detail elsewhere 
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(Barisci et al., 1996; Gerard et al., 2002). A variety of monomers can be 
electropolymerised on an electrode surface and under correct conditions 
form stable conductive fi lms. Typical conductive polymers include polyanil-
ine, polypyrrole and polythiophenes (Fig. 7.4). Polymers of these types 
generally contain a highly conjugated backbone and display properties such 
as electrical conductivity, low-energy optical transitions and a high affi nity 
for electrons. If, during the electrochemical polymerisation process, bio-
logical molecules are present in the solution, they can be entrapped within 
the fi lm during the deposition process (Cosnier, 2003; Geetha et al., 2006). 
Alternatively, a polymeric fi lm can be deposited electrochemically and then 
the biological species can be adsorbed on to, or be chemically grafted to, 
the fi lm (Barisci et al., 1996; Gerard et al., 2002). This leads to a close asso-
ciation between the conductive polymer and the biomolecule, which could 
potentially facilitate rapid electron transfer between the active species and 
an electrode surface. Alternatively, should the active species interact in 
some way with the environment, this could lead to a change in the proper-
ties of the conductive fi lm. For example, if an antibody is included in the 
fi lm and binds its antigen, the resultant conformational changes could affect 
the fi lm. This then may lead to a measurable change in its electrochemical 
or optical properties. Therefore, the conductive polymer can be thought 
in some way to be acting as the transducer element within the biosensor 
(Fig. 7.1).

One of the simplest methods involves the entrapment of enzymes such 
as glucose oxidase within polyaniline fi lms (Cooper and Hall, 1992). Aniline 
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was electrochemically polymerised from a solution containing glucose 
oxidase (3  mg/ml) on to platinum electrodes. Exposure of these electrodes 
to glucose solution led to the formation of hydrogen peroxide, which could 
be measured electrochemically. The advantages of this method is that it 
allows the controlled deposition of biological molecules on to electrodes of 
just about any size and composition. Further work utilising this system 
(Skinner and Hall, 1997) utilised an alternating-current (AC) impedance 
detection technique and showed that not only could the hydrogen peroxide 
produced by oxidation of glucose be detected but also even in anaerobic 
conditions the presence of glucose could be detected by the enzyme 
electrode.

A variety of electrodeposited polymers have been studied as hosts for 
enzymes (Cosnier, 2003; Geetha et al., 2006). Polyaniline has been used as 
a host for, amongst others, enzymes such as glucose oxidase (Ramanathan 
et al., 1995), lactate dehydrogenease (Chaubey et al., 2000) and horseradish 
peroxidase (Yang and Mu, 1997). Polypyrrole is also a popular material 
since, like polyaniline, it can be deposited in a variety of oxidation states 
as well as charged or uncharged, conducting or insulating forms. For 
example, urease or glutamate dehydrogenase were co-deposited with poly-
pyrrole or physically adsorbed on to preformed fi lms (Gambhir et al., 2002). 
Polypyrrole fi lms have also been used as hosts for cholesterol oxidase for 
use as cholesterol biosensors (Kajiya et al., 1991; Kumar et al., 2001; Vidal 
et al., 2004).

Cholesterol biosensors have also been constructed using polyaniline 
(Wang and Mu, 1999; Singh et al., 2006). Pyruvate oxidase has been incor-
porated within a copolymer of a modifi ed pyrrole monomer with thiophene 
and used to detect pyruvate (Gajovic et al., 1999). A platinum microelec-
trode was used as the substrate for deposition of polypyrrole containing a 
three-enzyme mixture (xanthine oxidase, purine nucleoside phosphorylase 
and adenosine deaminase), with the resultant sensor being capable of 
detecting adenosine at concentrations down to 100  nM (Llaudet et al., 
2003).

Our group has taken this process further, utilising both non-conductive 
and conductive polymers to fabricate arrays of conductive microelectrodes 
with entrapped biological molecules such as glucose oxidase (Barton et al., 
2004). Basically an insulating fi lm of polydiaminobenzene is electrochemi-
cally deposited on an electrode and then sonochemically ablated to create 
an array of pores. Conductive polyaniline containing enzymes is then depos-
ited within the pores as shown schematically in Fig. 7.5(a), Fig. 7.5(b) and 
Fig. 7.5(c). Scanning electron microscopy clearly demonstrates formation of 
pores within the fi lm and mushroom-like protrusions of polyaniline (Fig. 
7.5(d) and Fig. 7.5(e)). This technique has been used to develop sensors for 
pesticides based on acetylcholineesterase immobilised within polyaniline. 
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These sensors allowed determination of pesticide concentrations as low as 
10−17  M (Pritchard et al., 2004; Law and Higson, 2005).

Enzymes are not the only biomolecules that can be immobilised within 
electrodeposited fi lms. There has been a sustained effort into the develop-
ment of conducting polymer-based immunosensors as recently reviewed by 
Cosnier (2005). A wide variety of biomolecules that have been attached to 
or co-deposited with conducting polymers have been detailed in other 
reviews (Cosnier, 2003; Geetha et al., 2006), a few of which will be described 
here.

One of the earliest uses of these techniques was for the entrapment of 
antihuman serum albumin (anti-HSA) within polypyrrole (John et al., 
1991). The resultant fi lms were studied by AC voltammetry and shown to 
respond to the presence of HSA. Polypyrrole containing cyano groups 
could be electrodeposited and the resultant fi lms utilised for the electro-
static binding of anti-rabbit immunoglobulin IgG (Ouerghi et al., 2001) with 
the heavy chains of the antibodies being preferentially bound to the fi lm, 
thereby orienting the antibody on the surface. The resultant fi lms when 
studied by AC impedance were found to be capable of detecting rabbit IgG 
at levels of 10  ng/ml. Polypyrrole could also be used as the host for anti-
HSA and when interrogated with pulsed electrometry could detect HSA 
at levels of 25  pg/ml (Sargent et al., 1990). Antibodies for bovine serum 
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albumin (BSA) and digoxin could also be incorporated into polypyrrole 
(Grant et al., 2003). Moreover, the use of radiolabelled antibodies allowed 
accurate quantifi cation of the levels of antibody incorporation within 
the fi lms and also the optimum method for antibody incorporation to be 
determined. Similar fi lms containing anti-BSA when combined with AC 
impedance measurements could detect the antigen with a linear response 
from 0 to 75  ppm (Grant et al., 2005).

An alternative method involved depositing biotin-functionalised poly-
pyrrole and then utilising the strong biotin–avidin to deposit fi rst a layer of 
avidin followed by a layer of biotinylated antihuman IgG (Ouerghi et al., 
2002). Many other groups have also utilised the biotin–avidin interaction 
for binding biomolecules to conducting polymers (Cosnier, 2005). 
Electrostatic interactions have also been utilised since often conductive 
polymers are charged. Antibodies for species such as digoxin and hepatitis 
B have been deposited on polypyrrole (Purvis et al., 2003), leading to 
development of a potentiometric biosensor with detection limits down to 
picogram per millilitre levels and good stability. Many conducting polymer 
fi lms can also be generated which contain reactive species such as n-
hydroxysuccinimide, which can then react with groups such as amines 
(contained within many enzymes and antibodies), thereby covalently immo-
bilising them on the polymer surface (Cosnier, 2005).

Oligonucleotides have also been widely investigated in conjunction with 
conducting polymer fi lms (Davis and Higson, 2005). Early approaches used 
simple adsorption of oligonucleotides on to polypyrrole (Minehan et al., 
1994). This was later found to be highly dependent on the oxidation state 
and therefore the number of positive charges that are available within the 
polypyrrole fi lm (Minehan et al., 2001). Co-deposition of DNA strands with 
conducting polymers has also been widely utilised. For example, short 
single-stranded oligonucleotides could be incorporated within polypyrrole 
(Wang et al., 1999) to allow the electrochemical detection of their counter-
strands. Polyaniline and polydiaminobenzene have also been successfully 
utilised as hosts for DNA (Davis et al., 2004). When polypyrrole and a 
single-stranded oligonucleotide were co-deposited on to carbon-nanotube-
modifi ed electrodes, the resultant biosensor could detect 10−6  mol/l of the 
counterstrand and was also found to be capable of differentiating between 
the counterstrands and other oligonucleotides with one, two and three base 
mismatches (Cai et al., 2003). Other methods such as use of the avidin–
biotin pair and chemical grafting have also been utilised to attach oligonuc-
leotides to conducting polymers (Cosnier, 2005).

The majority of the sensors constructed using conductive polymers are 
electrochemical in nature; however, some alternative methods have been 
utilised. Various oligonucleotides were synthesised with a pyrrole unit on 
one end. These were then electropolymerised as copolymers with pyrrole 
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on to individual gold microelectrodes of a 128-electrode array (Livache 
et al., 1998). Detection of a DNA target could then be determined by 
fl uorescence measurements. Other work involved taking an indium–
tin-oxide-coated optical fi bre and electrochemically depositing a biotin-
substituted polypyrrole layer (Konry et al., 2003). This layer was then used 
to attach fi rst avidin and then biotinylated cholera toxin. The resultant 
sensor was capable of detecting anticholera toxin antibodies using a luminol-
based assay, with negligible response to other antibodies. Similarly, a 
pyrrole–benzophenone copolymer was electrodeposited on optical fi bres 
and the HCV-E2 envelope protein antigen immobilised photochemically 
(Konry et al., 2005) to generate an optical biosensor capable of selectively 
detecting anti-E2 antibodies.

7.6 Redox-active polymers in biosensors

The earliest electrochemical glucose biosensors relied on detection of either 
oxygen (Clark and Lyons, 1962) or hydrogen peroxide at an electrode 
surface. Unfortunately, this leads to the possibilities of interference by 
electroactive species such as ascorbate. Also, the active site of the enzyme 
may be insulated from the electrode by the surrounding protein shell. These 
problems can be circumvented by utilising an artifi cial electron charge 
transfer moiety known as a mediator. Use of mediators lead to the develop-
ment of so-called ‘second-generation biosensors’ with a typical example 
being shown in Fig. 7.6 where a ferrocene compound is utilised to ‘shuttle’ 
electrons between the enzyme and the electrode (Cass et al., 1984). As an 
alternative to the use of mediators, it has been proposed that a suitable 
polymer could ‘wire’ the enzyme to the electrode. Conducting polymers 
have been utilised for this purpose, although another possible method that 
has been studied utilises a polymer that does not conduct electrons along 
the polymer backbone but rather shuttles electrons between electroactive 
groups bound along the polymer chain.

One of the earliest proposed methods was that of Heller in 1990 who 
suggested the use of a composite material containing polypyridine and 
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7.6 The oxidation of glucose at an electrode, mediated by a ferrocene 
derivative (Fc).
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osmium 2,2-bipyridine (Fig. 7.7(a)). The resultant substituted polymer was 
deposited at an electrode surface as an electrostatic complex with glucose 
oxidase and shown to respond to glucose in the physiological range. 
Polymers of a similar type containing reactive groups such as succinimide 
were used to immobilise enzymes covalently (Heller, 1990). This gave rise 
to the construction of fi lms of up to 1  µm thickness, which gave a strong 
electrochemical response to glucose. Similar polymers were used to immo-
bilise horseradish peroxidase on glassy carbon for the measurement of 
hydrogen peroxide at much lower potentials than normally required (Yang 
et al., 1995). Pyruvate sensors have also been constructed using these 
systems (Gajovic et al., 1999).

An alternative system was developed based on osmium-modifi ed 
polyvinyl imidazole (Fig. 7.7(b)) which, when mixed with a polyethylene 
glycol-based cross-linker, could be used to immobilise glucose or lactase 
oxidase on to electrodes. Again, this led to the formation of sensors for their 
respective substrates (Ohara et al., 1994). The performance of these sensors 
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7.7 Structures of redox active polymers based on osmium bipyridyl 
complexes substituted on to (a) poly(vinyl pyridine) and (b) poly(vinyl 
imidazole).
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could be improved by adding a second polymer, Nafi on, and allowed con-
structions of sensors with linear ranges of 6–30  mM (glucose) and 4–7  mM 
(lactate). In both cases, only a negligible response to common interferents 
was observed (Ohara et al., 1994). Similar polymers were used to immobil-
ise glutamate oxidase and horseradish peroxidase and, in conjunction with 
a high-performance liquid chromatography technique, were used to deter-
mine levels of the neurotoxin N-oxalyl-diamino propionic acid (Belay et al., 
1997). Using oligosaccaride dehydrogenase as the enzyme, electrodes 
capable of detecting a range of sugars and saccarides were developed 
(Tessema et al., 1997).

This technique is highly versatile, where the behaviour of the polymers 
can be fi ne tuned by variation in their substituents. For example, using a 
layered enzyme electrode where both glucose oxidase and bilirubin oxidase 
are ‘wired’ by polyvinyl pyridine–osmium polymers to a glassy carbon 
electrode, concentrations of glucose as low as 2  fM were detected in the 
presence of atmospheric oxygen (Mano and Heller, 2005). In a similar way, 
single-stranded DNA was complexed with a redox polymer and bound at 
an electrode surface. Hybridisation of this strand with a probe DNA, which 
then had horseradish peroxidase attached, allowed detection of DNA down 
to levels of just 3000 copies (Zhang et al., 2003).

Hydrogels containing redox-active groups could be generated by the 
photochemically initiated polymerisation of poly(ethylene glycol dimethac-
rylate) and vinyl ferrocene. These materials were utilised to immobilise 
glucose oxidase on gold electrodes (Sirkar and Pishko, 1998) with the 
resulting glucose sensors showing good linearity between 2 and 20  mM. It 
was also possible to produce patterned sensors using these materials and 
photolithographic techniques. Vinyl ferrocene could also be plasma poly-
merised on to a needle-type electrode to give a redox layer on to which 
further plasma processes could be used to deposit acetonitrile to give a 
hydrophilic surface, suitable for the immobilisation of glucose oxidase and 
construction of a glucose sensor (Hiratsuka et al., 2005).

7.7 Molecularly imprinted polymers in biosensors

The use of biological molecules within sensors can lead to problems. The 
molecules can be diffi cult to purify, can be expensive and often display 
limited stability. One possibility to try to address this problem is to make 
artifi cial systems that mimic the behaviour of biologicals such as enzymes 
or antibodies. MIPs represent a possibly solution (Whitcombe and Vulfson, 
2001; Hillberg et al., 2005; Alexander et al., 2006). Basically, a template 
molecule, which can be biological in nature, is mixed in solution with a 
variety of polymerisable monomers, some of which will interact with it. The 
monomers are then polymerised and cross-linked to create a network with 
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the template complexed within it. If the template is then washed out, a 
‘pocket’ remains and this could then potentially selectively entrap more 
template molecule. This is summarised in Fig. 7.8.

Although sensors which contain MIPs are not biosensors in the classical 
sense, i.e. there is no biological molecule contained within the polymer, 
they can be synthesised containing recognition sites for biological molecules 
by using a biological template, although not as selectively as their biological 
counterparts. MIPs have shown some promise as sensors for biological 
molecules. For example, an inorganic polymer fi lm containing glucose was 
deposited on a QCM by a sol–gel process. If the template is removed, this 
allowed the resultant fi lm to act as a sensor, giving a change in mass when 
exposed to aqueous glucose (Lee and Kunitake, 2001). Vanillylmandelic 
acid, which can be a marker for some tumours, was incorporated as a tem-
plate into a cross-linked methacrylic acid polymer fi lm, cast on an electrode 
(Blanco-Lopez et al., 2003) and washed. Voltametric measurements were 
then made on the system when immersed into solutions of vanillylmandelic 
acid. The resultant sensor was capable of detecting the analyte at concentra-
tions between 1 × 10−4 and 1.7 × 10−3  M. Later work refi ned this to permit 
a linear response between 5 × 10−8 and 1 × 10−5  M (Dineiro et al., 2005). An 
amperometric detector for fructosylamine utilising a poly(vinyl imidazole)-
based MIP has also been described (Sode et al., 2003).

Electrochemically generated polymers have also been used and, if depos-
ited in the presence of a template which is later removed, have allowed the 
resultant fi lm to detect a target analyte. For example, poly(o-phenylene 
diamine) could be electrochemically deposited from a glucose solutions on 
to a QCM chip. When washed, the resultant chip showed a sensitivity for 
glucose (Malitesta et al., 1999). Also sensors for atropine (with a linear 
range between 8 × 10−6 and 4 × 10−3  M (Peng et al., 2000)) and sorbitol 

++ + +
Preassemble

+
complex

Polymerise
in the presence
of cross-linker

Remove
template

Rebind
template

TemplateTemplateTemplate

7.8 Schematic representation of the imprinting process. A template 
is complexed, either covalently or non-covalently with functional 
monomers. The complex is polymerised with an excess of cross-linker 
to form a rigid porous shell around the template. Removal of the 
template creates a recognition site or cavity capable of reversibly 
rebinding the template. (Reproduced with permission from 
Whitcombe and Vulfson (2001) and Wiley–VCH.)
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(which is thought to cause complications for diabetes patients (Feng et al., 
2004)) have been developed, both being based on poly(o-phenylene 
diamine). The sorbitol sensor had a range 0–16  mM and was selective with 
respect to other sugars.

An interesting development of this technology is that MIPs have been 
used to sense cells as well as molecules. Coating a QCM with a cross-linked 
polymer into which yeast cells had been impressed gave a selective sensor 
for yeast over other bacterial strains (Dickert and Hayden, 2002). Sensors 
for enzymes and viruses could also be obtained by this method (Hayden 
et al., 2003) and could be applied successfully to the detection of viruses 
in tobacco plant sap (Dickert et al., 2004).

7.8 Summary and future trends

We have, within this chapter, surveyed some of the applications of polymers 
in biosensors. It is obvious that this is a fi eld which will command much 
interest over the years to come. The versatility of polymers available, con-
ductive or insulating, hydrophobic or hydrophilic, rigid or fl exible and 
impervious to water or swellable gives rise to a wide range of potential 
applications. This is aided by their processability, the wide range of syn-
thetic and deposition methods and the ability to fi ne-tune their properties 
by changes in the chemical and physical structures of the polymers.

The most relevant fi elds for polymer research in the future in the fi eld 
of biosensors, we feel, are those focused towards designing ‘smart’ poly-
mers. We have seen attempts to replace the biological components of bio-
sensors with MIPs, which has the potential for eliminating the problems of 
stability and supply of biological molecules. The use of conducting poly-
mers will also be of great interest, whether of the conjugated type, e.g. 
polypyrrole, or the redox hydrogel polymers developed by Heller and 
others, to ‘wire’ biomolecules directly to the electrode.

Finally, the vast majority of these biosensors will be required to deal with 
physiological samples such as blood or potentially to be implanted as func-
tional components within in vivo devices. It is obvious that such sensors, 
unless they are designed for single use only, must show biocompatibility 
and stability over extended periods of time.

7.9 Sources of further information and advice

Cooper J and Cass A E G (2004), Biosensors (The Practical Approach Series), 
Oxford, Oxford University Press.

Eggins B R (2002), Chemical Sensors and Biosensors (Analytical Techniques in the 
Sciences), Chichester, West Sussex, Wiley.

Yan M and Ranstrom O (2004), Molecularly Imprinted Materials: Science and 
Technology, London, Taylor & Francis.
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8.1 Introduction

Although several important advances have been made through the years 
in the bone and cartilage substitution and regeneration fi eld, most serious 
injuries are still unrecoverable. Tissue engineering has been emerging as 
one of the most promising techniques in orthopaedic surgery and biomedi-
cal engineering, offering promising alternatives to current therapies. This 
new research area was defi ned by Langer and Vacanti1 in 1993 as ‘an inter-
disciplinary fi eld of research that applies the principles of engineering 
and the life sciences towards the development of biological substitutes that 
restore, maintain, or improve tissue function’.

The most common strategy for tissue engineering of hard tissues com-
bines the use of autogenous cells (which can be fully differentiated cells, 
such as osteoblasts and chondrocytes, or undifferentiated cells, such as 
mesenchymal stem cells) obtained from the patient’s hard or soft tissues 
that are seeded on to a scaffold that will slowly degrade and resorb as the 
tissue structures grow in vitro and/or in vivo. In this context, the develop-
ment of appropriate three-dimensional (3D) porous structures (scaffolds) 
that will provide the necessary support for cells to proliferate and maintain 
their differentiated phenotype and to permit the convenient delivery of 
cells into the patients is one of the important keys for the success of hard 
tissue engineering.

There are some requirements that an ideal scaffold to be used in tissue 
engineering of hard tissues should accomplish as follows: the material (and 
its degradation products) must be biocompatible and biodegradable with 
an adjustable degradation rate to mach the rate of tissue regeneration; it 
should have appropriate mechanical properties that should match as closely 
as possible those of the neotissue; there must be appropriate surface chem-
istry to promote cell attachment, proliferation and differentiation; more-
over, the scaffold should possess appropriate pore size and interconnected 
pore network to enhance cell or tissue growth, facilitate vascularisation, 
improving oxygen and nutrients supply and waste removal.2
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The development of appropriate materials for this kind of application is 
a hard and very demanding task. In the past decade there has been an 
extensive research on the application of biodegradable polymers, of both 
synthetic and natural origin, in this fi eld. The synthetic polymers most often 
employed on the development of 3D porous scaffolds for tissue engineering 
applications are aliphatic polyesters derived from the polymerization of 
lactones, such as poly(lactic acid),3 poly(glycolic acid),4 polycaprolactone5 
and their copolymers. A major drawback of these polymers is that, during 
the degradation process, the mass loss is accompanied by a release gradient 
of acidic by-products that results in in vivo infl ammatory reactions.6,7

8.2 Chitosan and starch-based polymers in 

tissue engineering

In the past few years, several polymers of natural origin have been pro-
posed as alternative materials for application within the tissue engineering 
fi eld. Among the natural polymers, chitosan has been one of the most 
widely studied biodegradable polymers. Chitosan is a cationic natural bio-
polymer produced by alkaline N-deacetylation of chitin, the second most 
abundant natural polymer after cellulose. It is an interesting biomaterial 
because of its good biocompatibility, biodegradability and bioactivity.8,9 
Owing to its positively charged surface and biocompatibility, chitosan is 
considered to be effective for supporting cell functions, proliferation and 
differentiation without additives, even in vitro.10,11 One of the most promis-
ing features of chitosan is its excellent ability to be processed into porous 
structures for use in cell transplantation and tissue regeneration.12

Starch-based polymers constitute another potential alternative material 
that may fi nd different uses in biomedical applications. These natural-origin 
materials were originally proposed by Reis and his co-workers13–15 at 3B’s 
Research Group at the University of Minho as alternatives for hard tissue 
applications. Starch-based polymers are degradable and biocompatible 
polymers, with distinct structural forms and properties that can be tailored 
by the synthetic component of the starch-based blend, their processing 
methods and the incorporation of additives and reinforcement mater-
ials.16–18 For this reason, together with their low cost and abundance of raw 
materials, starch-based polymers have been suggested for a wide range of 
biomedical applications.

Nevertheless, the properties of a scaffold are dependent not only on the 
selected material but also on the chosen processing technology. It is well 
known that the use of different processing technologies allows the produc-
tion of 3D porous structures with different characteristics, namely porosity 
and porous interconnectivity, mechanical properties, surface properties and 
biocompatibility. Several processing methodologies have been developed 
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by the 3B’s Research Group: Biomaterial, Biodegradables and Biomimetics 
at the University of Minho to produce natural-origin polymeric scaffolds 
based on starch and chitosan polymers, with different properties and porous 
architectures. This chapter will therefore describe some of those technolo-
gies. The achieved structures and their physical, morphological and biologi-
cal behaviour will also be discussed.

8.3 Production of 3D porous scaffolds by extrusion 

and injection moulding with a blowing agent

Melt moulding has normally been used in combination with porogen tech-
niques or to produce a preshape of the fi nal material, e.g. to produce fi bres 
that will be used in fi bre-bonding methods that will be described later in 
this chapter. However, it is also possible to produce 3D scaffolds using melt 
moulding as a single method based on traditional melting technologies, 
such as injection moulding and extrusion with blowing agents. In these 
processes, the polymers are mixed with blowing agents, which are previ-
ously selected according to their decomposition temperatures, toxicity, etc., 
and then processed in an extruder or in an injection moulding machine. 
The blowing agents react by heating releasing gases, usually CO2, that are 
dissolved in the polymer melt, leading to the formation of pores within the 
material. These methods allow for the productions of highly reproducible 
scaffolds with very complex 3D structures, since it is possible to obtain 
scaffolds with the precise shape of the mould designed for specifi c applica-
tions.13,14,19,20 This type of technology also offers the possibility of using a 
wide range of currently available equipment that can be used to produce, 
for example, bimaterial scaffolds, i.e. scaffolds that may combine two dif-
ferent polymers and/or two different structures. Starch-based scaffolds 
have been developed on the basis of these methods.13,14,19

Several different blowing agents and processing conditions have been 
studied to obtain porous structures with adequate porosities. However, as 
the porous structure of the samples obtained by extrusion or injection 
moulding of the polymers combined with blowing agents results from the 
gases released by decomposition of the blowing agent during processing, it 
is diffi cult to have full control over the pore size and the interconnectivity 
between the pores of the materials obtained by these methods. Nevertheless, 
the optimisation of processing parameters and of the type and amount of 
blowing agent, allowed scaffolds to be obtained with a subsequent higher 
porosity, with interconnectivity between pores and with pore sizes that can 
vary from roughly between 50 and 1000  µm.21 Moreover, the scaffolds 
obtained by these melt-based methods present a microporosity throughout 
the whole structure, which can play an important role in the fl ow of nutri-
ents during cell culture and/or the implantation of the scaffolds. A thin layer 
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of compact material surrounds the porous structure of the material obtained 
with both processes, but this outershell can be removed easily as a fi nal step 
in the processing of the scaffolds.

The starch-based scaffolds obtained by these methodologies present very 
promising mechanical properties when compared with other scaffolds, 
obtained from other biodegradable polymers, and proposed for applica-
tions in tissue engineering. In fact, several studies performed using osteo-
blast-like cells and marrow stromal cells using these starch-based scaffolds 
obtained by these methodologies have shown very promising results regard-
ing their application in bone tissue engineering.22–25

8.4 Producing 3D porous scaffolds using fi bre bonding

Fibre meshes consist of individual fi bres either woven or knitted into 3D 
patterns of variable pore sizes.26–30 The most important advantageous fea-
tures of scaffolds obtained by fi bre-bonding processes, i.e. fi bre meshes, are 
a large surface area for cell attachment and a rapid diffusion of nutrients 
which enhances cell survival and growth.26–30 This, of course, results from a 
high interconnectivity between pores. A drawback of these scaffolds might 
be the diffi culty in controlling accurately the porosity.26–28,30

Several studies have demonstrated that scaffolds obtained by fi bre-
bonding processes have adequate structure for use in tissue engineering 
strategies that utilise bioreactor cultures, probably because they provide 
highly interconnected porosity that allows the creation of hydrodynamic 
micro-environments with minimal diffusion constraints that closely resem-
ble natural interstitial fl uid conditions in vivo, allowing large and well-
organised cell communities to be achieved.22,31–35 On the contrary, most of 
the porous structures obtained with other methodologies exhibit lower 
interconnectivity which is very likely to generate complex fl uid fl ow path-
ways thought the scaffolds and which does not allow for the distribution of 
cells throughout the whole construct.

Fibre-bonding methods include a great variety of processing methods 
that involve the knitting or physical bonding (by means of casting or com-
pression procedures) of fi bres prefabricated by wet or dry spinning from 
polymeric solutions or by melt spinning.

Starch-based fi bre mesh scaffolds have been obtained by a fi bre-bonding 
process consisting in cutting and sintering melt-spun fi bres with a diameter 
of about 180  µm and used in several tissue-engineering studies.22,31 In one 
of these studies, the infl uence of the porosity of the scaffolds on the prolif-
eration and osteogenic differentiation of marrow stromal cells cultured 
under static and fl ow perfusion conditions was assessed. For this study, 
fi bre mesh scaffolds based on a 30–70  wt% blend of starch with poly(ε-
caprolactone) with different porosities, namely 50% and 75% of the fi bre 
mesh scaffolds, were obtained using different amounts (by weight) of fi bres. 
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This study demonstrated that the use of fi bre mesh scaffolds with higher 
porosity promotes improvement in cell proliferation under both static and 
fl ow perfusion culture conditions. Another study has addressed the effect 
of scaffold architecture in the cell proliferation and distribution by seeding 
and culturing rat bone marrow stromal cells seeded on to starch–polycap-
rolactone (SPCL) fi bre meshes and starch–ethylene vinyl alcohol (SEVA-
C) scaffolds obtained by extrusion using blowing agents.22 Hist ological 
analysis and confocal images of the cultured scaffolds showed a much better 
distribution of cells within the SPCL scaffolds than within the SEVA-C 
scaffolds, which had limited pore interconnectivity, indicating that scaffold 
architecture and especially pore interconnectivity affect the homogeneity 
of the tissue formed by in vitro tissue-engineering approaches. Based on the 
same polymer, we have developed nano- and micro-fi ber combined scaf-
folds from the same blend in our group.36 The basic point of this concept 
was to use nanofi bers for mimicking the physical structure of natural ECM. 
The micro support for cells was provided by SPCL microfi ber meshes pro-
duced by melt spinning. The presence of nanofi bers in the structure showed 
great infl uence by means of cell morphology, viability and differentiation. 
Human osteoblast-like cell line (SaOs-2) and rat bone marrow stromal 
cultured on combined scaffolds presented different cell organization than 
that on SPCL fi ber meshes without nanofi bers. The cells tended to stretch 
themselves along the nanofi bers and to bridge between microfi bers. This 
stretched morphology led to a difference in differentiation rate which could 
be related with the different gene expression. Furthermore, the presence of 
nanofi bers seemed to be an advantage for increasing the cell seeding effi -
ciency, resulting in an increase in cell viability. Consequently, the developed 
structures are believed have a great potential in the 3D organisation and 
guidance of cells that is provided for the engineering of 3D bone tissues.

In other studies, fi bre mesh scaffolds based on a chitosan–poly(butylene 
succinate) blend were obtained using the extrusion of microfi bres and a 
further processing step of fi bre bonding using pressure and temperature. 
These fi bre mesh scaffolds supported bovine articular chondrocytes prolif-
eration, differentiation and hyaline-like cartilage matrix formation, being 
therefore considered adequate to serve as a support for articular cartilage 
repair.37 Another study demonstrated that new chitosan–poly(butylene suc-
cinate) fi bre mesh scaffolds produced by this method support the adhesion, 
proliferation and osteogenic differentiation of mesenchymal stem cells, 
being therefore suitable for bone tissue-engineering applications.38

Wet spinning is the oldest method of fi bre spinning and is mostly used to 
produce natural fi bres, such as chitin and chitosan fi bres, which cannot be 
formed by either melt- or dry-spinning methods. This technique was used 
to prepared chitosan fi bres and 3D fi bre meshes having an average pore 
size in the range 100–500  µm.39 Cell-culturing studies using osteoblast-like 
cells showed that, after culture for 7 days, cells presented adequate 
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morphology and good proliferation, demonstrating that the developed scaf-
folds might be used for bone tissue-engineering applications.

8.5 Producing 3D porous scaffolds by melt based 

compression moulding with particulate leaching

Methods based on the leaching of soluble particulates are widely employed 
in the fabrication of 3D porous structures (scaffolds).40–52 By these methods 
the porosity can be controlled by varying the amount of leachable particles 
and the pore size; the pore morphology can be adjusted, independently 
of the porosity, by using particles of different sizes and different 
morphologies.40,41

To improve the structure and to increase the pore interconnectivity of 
the porous scaffold, particulate leaching has been used in combination with 
other techniques, namely solvent casting,41,42 gas forming,43,44 freeze-drying,45 
injection moulding,46 extrusion47 and compression moulding.40,48,49 However, 
some of these methods require the use of organic solvents (e.g. the solvent-
casting and particulate-leaching methods), which might be harmful. In fact, 
organic solvents used in these methodologies can remain in the scaffold and 
may damage cells transplanted on to the scaffolds or tissues near the trans-
plantation site.50,51

Many efforts have been made to manufacture porous scaffold without 
organic solvents for tissue-engineering applications.43,44,50–52 One such tech-
nology is known as melt-based compression moulding with particulate 
leaching. The fi rst step in this methodology consists in mixing a polymer 
(usually in the powder form) with calibrated leachable particles and loading 
it into a mould. This mould is then heated above the glass transition tem-
perature (in the case of amorphous polymers) or above the melting tem-
perature (in the case of semicrystalline polymers). During the heating 
process the mould should be pressed to maximise packaging. The heating 
process causes the fusion of the polymer particles and promotes the forma-
tion a continuous matrix. In the end, the moulded polymer–porogen com-
posite is immersed in a solvent for selective dissolution of the porogen.

This methodology was applied in the production of natural-origin starch-
based scaffolds.14 The obtained scaffolds have been demonstrated to possess 
an open network of pores, with sizes from 10 to 500  µm and a porosity 
of about 50%. More recently, this approach was used to produce novel 
chitosan–polyester-based scaffolds that can be processed by melt-based 
routes and are aimed at bone and cartilage tissue-engineering applica-
tions.53 Materials used consisted of blends of chitosan with poly(butylene 
succinate), poly(butylene terepthalate adipate) and poly(ε-caprolactone). 
All the scaffolds were produced by melt-based compression moulding fol-
lowed by salt leaching. For the production of scaffolds for chondrogenic 
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applications, the chitosan–polyester blends were dry mixed with salt 
(80  wt%) with a granulometric size between 65 and 125  µm (Fig. 8.1(a)). 
In the case of the scaffolds for osteogenic applications the three developed 
blends were mixed with salt (60  wt%) with a larger granulometric size 
between 250 and 500  µm (Fig. 8.1(b)). The compression-moulded samples 
were immersed in distilled water for periods of up to 7 days in order to 
dissolve the salt and to form, in this sense, the porous network. The scaffolds 
disclosed levels of porosity similar to the ratios of porogen used, with quite 
reasonable degrees of interconnectivity.

(a)

200 µm

(b)

200 µm

8.1 Scanning electron micrographs of the scaffold’s surface: 
(a) chondrogenic applications; (b) osteogenic applications.
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Later studies confi rmed that the chitosan–polyester-based scaffolds 
developed support adhesion, viability and proliferation, and osteogenic or 
chondrogenic differentiation of a mouse mesenchymal stem cell line (BMC-
9) and therefore may be used for cell-based approaches in the bone or 
cartilage tissue-engineering fi eld.54–56

8.6 3D porous scaffolds produced by 

freeze-drying

Several methods have been reported for producing highly porous and inter-
connected polymeric scaffolds to fi nd applications in tissue engineering of 
bone and cartilage.57,58 Among these, freeze-drying has been attracting a 
great deal of attention owing to the versatility of the technique.59 In fact, 
freeze-drying allows highly porous structures to be obtained by means of 
freezing a polymer solution, at temperatures varying between −20 and 
−196  ºC, followed by the removal of solvent through lyophilisation.45,60–62 
Thus, during freeze-drying, the space occupied by the frozen solvent will 
become empty after evaporation and, by this means, pores will originate.63 
In practice, the polymer solutions should be previously transferred into a 
mould and frozen before freeze-drying at temperatures which are typically 
in the range from −20 to −80  ºC.60 The relevant aspect of this processing 
route consists in guaranteeing that the fi nal freezing temperature is ade-
quate to maintain all the molecules of solvent in the solid state.64 Otherwise, 
the fi nal structure will shrink during the drying process, resulting in the 
formation of a dense external skin-like layer.64 In certain applications this 
is an undesired goal since this skin layer will prevent the ingrowth of cells 
during seeding, for example. Therefore, after freezing, special drying condi-
tions are required at the freeze-dryer equipment. Usually, this equipment 
among other functions should control the temperatures of the sample, the 
surface, the plate and the ice condenser.64 Additionally, the place where the 
sample will be kept for drying, the so-called ‘vacuum chamber’, should be 
at a low pressure (less than 100  mTorr) for several days to allow complete 
sublimation of solvent.65 The low temperatures needed and the required 
drying regimes involved in the freeze-drying process explain the high energy 
costs, which is the major disadvantage of the technique. Thus, the main 
drawbacks of the freeze-drying technique are the time and energy con-
sumed.66 Despite this, when compared with other methodologies such as 
freeze extraction (an economical process), the main advantage of the 
freeze-drying technique lies in the capacity to retain the fi nal porous struc-
ture, i.e. to prevent the disintegration of the scaffolds.63 However, the great 
advantage of freeze-drying consists on the possibility of tailoring the typical 
foam-like structures by varying several experimental parameters. For 
example, by varying the polymer concentration,59,67–69 type of solvent,70 
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freezing temperature45,60,65,70,71 and types of mould62,72 and by incorporating 
porogens,45,60,67 it is possible to obtain scaffolds with different densities, 
shapes, porosities and pore size distributions.65,68,71 A parameter that can 
also be controlled is the cooling rate, which infl uences considerably the fi nal 
structure of the scaffolds. Since the freezing rate induces the formation of 
ice crystals of different sizes, after freeze-drying the space occupied by these 
ice crystals will become empty and consequently affect the geometry and 
size of the pores in the dry material.60,65,73

Another advantage of the freeze-drying technique consists of the possi-
bility of incorporating the features of thermosensitive molecules or cells 
such as growth factors directly into the porous scaffolds without any detri-
ment to their behaviour.74 Consequently, these types of delivery system, 
which can support cell attachment and cell functions and simultaneously 
deliver, in a controlled manner, therapeutic molecules to promote tissue 
regeneration are of great interest. On the other hand, when developing 
scaffolds by the freeze-drying technique, we face some limitations. Since 
there is a compromise between the porosity of the scaffolds and its fi nal 
mechanical properties, it seems quite obvious that the highly porous scaf-
folds obtained by means of freeze–drying will possess very low mechanical 
properties. Therefore, the applications of this type of scaffold are not ade-
quate for applications in the tissue engineering of hard tissues, such as bone. 
However, this problem can be circumvented to a certain extent by means 
of increasing the polymer concentration or developing composite materials, 
i.e. reinforcement with ceramics.75–77 Maquet et al.77 have reported that the 
mechanical properties of poly(d,l-lactic acid) and poly(lactic acid-co-
glycolic acid) (PLGA) became improved by mixing with bioactive glass 
(45S5 Bioglasss). In a different study, Malafaya and Reis78 also reported 
that, by means of the freeze-drying processing route, it was possible to 
develop natural-origin composite chitosan–hydroxyapatite scaffolds. It was 
demonstrated that the chitosan–hydroxyapatite porous structures devel-
oped were bioactive and possess an adequate porosity and good adhesion 
at the polymer–ceramic interface, among other features. Therefore, this 
work has shown that these structures have a great potential to fi nd applica-
tions as bone engineering scaffolding and can be further loaded with bio-
logically active agents. Other studies have shown that several foam-like 
structures obtained by means of freeze-drying may also act as excellent 
supports for cell attachment and maintenance of their functions with the 
possibility of subsequent transplantation to repair or regenerate bone and 
cartilage defects.65,79–81 While bone and cartilage have been studied for a 
long time, other clinical problems have been more recent subject of inves-
tigation, namely osteochondral defects. A promising osteochondral approach 
has been recently reported by Oliveira et al.72 This work has shown that it 
is possible to develop 3D macroporous hydroxyapatite–chitosan bilayer 
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scaffolds which are mechanically stable, by means of combining a sintering 
and a freeze-drying technique. Figure 8.2 shows a typical scanning electron 
micrograph of the chitosan porous layer obtained by freeze-drying a 3  wt% 
chitosan solution. It shows that the chitosan layer possesses an aniso-
tropic porosity, high interconnectivity and pores with size in the range 
50–350  µm.

Furthermore, the hydroxyapatite–chitosan bilayer scaffolds developed 
exhibit very promising properties, suggesting that these materials provide 
adequate support for the seeding and culturing of marrow cells (data not 
shown). These cells can differentiate into osteoblasts and chondrocytes in 
the hydroxyapatite and chitosan porous layers, respectively, towards the 
formation of bone- and cartilage-like tissue.

To summarise, the freeze-drying processing route has been shown to be 
an effective and bioclean technique to fi nd applications in many fi elds. 
Much attention has been given to the development of a variety of foam-like 
scaffolds, i.e. to the production of a wide variety of porous structures 
that can act as supports for cell attachment, cells ingrowths and functions, 
which ultimately are expected to repair or regenerate damaged or diseased 
tissues. The versatility of the technique not only allows the materials’ 
properties, namely the scaffold’s shape, density, pore size, pore morphology 
and pore distribution, to be tailored but also possibly combines with 
other techniques to develop more suitable supports. On the other hand, 
scientists face many application scenarios where the release of therapeutic 
molecules is required at a controlled rate, for example. Fortunately, 
the freeze-drying technique also allows therapeutic molecules (either 
thermosensitive or not) to be incorporated directly into the bulk of 

8.2 Scanning electron micrograph of the microstructure of a chitosan 
porous structure obtained by freeze-drying technique.
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many biodegradable polymeric matrices. Therefore, freeze-drying has been 
shown to be a reliable technique for developing porous structures, which 
can act simul taneously as supports and drug delivery matrices for tissue-
engineering applications.

8.7 Particle aggregation techniques to produce 3D 

porous scaffolds

Scaffolds need to be developed for sustaining in vitro tissue reconstruction 
as well as for in vivo cell-mediated tissue regeneration. It is almost impos-
sible to repair tissue defects if the cells are not supplied with some kind of 
an ECM substitute. Bearing this in mind, several different methodologies 
have been used and described herein to produce a variety of 3D synthetic 
or naturally based scaffolds suitable for tissue-engineering applications.

Nevertheless, further research on the scaffold design is still needed 
because the chemical nature and structure of the 3D constructs signifi cantly 
affect the success of tissue engineering approaches both in vitro and in vivo. 
Moreover, an optimal scaffold has not been identifi ed yet. Towards this 
goal, an innovative methodology is being developed in some groups, based 
on the agglomeration of prefabricated polymeric or composite micro-
spheres. The technique is generally based on the random packing of micro-
spheres with further aggregation by physical, chemical or thermal means to 
create a 3D porous structure. The porosity obtained in this type of scaffold 
can be controlled by the microsphere diameter that will create the inter-
stices when the particles aggregate. If an increased pore size is desired, it 
is also possible to use microspheres with increased sizes as has been achieved 
by our group.82,83 This technique is being used to construct scaffolds 
directly,82,84,85 or it could be used indirectly by producing a negative struc-
ture that will serve as a reverse template to obtain the scaffolds.

The research group of Laurencin84–87 has been applying this technique for 
the development of matrices based on PLGA microspheres for bone repair. 
These researchers have tried different approaches by developing matrices 
based on sintered microspheres,84,85 or matrices based on gel microspheres.86 
Composite microspheres containing hydroxyapatite were also used for the 
fabrication of polymer–ceramic 3D matrices for bone applications.87 In the 
case of matrices based on sintered microspheres, the microspheres were 
fi rst obtained by a solvent evaporation technique. The 3D structures were 
then further processed by heating the prefabricated PLGA microspheres 
above the glass transition temperature. The polymer chains were activated 
to interlink with neighbouring polymer chains and thus to form contacts 
between neighbouring microspheres.86 In the gel microspheres matrix 
methodology, the PLGA gel microspheres were obtained by emulsion with 
poly(vinyl alcohol). The subsequent agglomeration is based on multiple-
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step production that includes air-drying, freeze-drying, rehydration with 
salt leaching and freeze-drying again. In general, microsphere-based matri-
ces show very interesting properties for possible application in bone repair.

In the 3B’s Research Group, chitosan-based scaffolds have been pro-
duced by aggregating previously developed chitosan microspheres.82 One 
drawback of the particle aggregation method is that the porosity generated 
by using microspheres is low but, as was mentioned before, the interstices 
between the aggregated particles are directly related to the particle diam-
eter. The main advantage is the high degree of interconnectivity obtained 
using this method. In fact, Fig. 8.3 shows the high degree of interconnectiv-

(a)

1 mm

(b)

200 µm

8.3 (a) Typical morphology of chitosan-based agglomerated scaffolds 
highlighting (b) the interface between adjacent microspheres.
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ity and 3D structure of the chitosan scaffolds developed. The bonding of 
the chitosan particles is achieved owing to the bioadhesive character of the 
chitosan polymer that resulted in the union of adjacent particles at their 
contact points to form the chitosan porous matrices (Fig. 8.3(b)). This chi-
tosan particle bonding leads to a very stable interface between the particles, 
which assures the mechanical integrity of the developed scaffolds. These 
scaffolds exhibit very promising mechanical properties (a compressive 
modulus of around 300  MPa depending on the matrix processing). These 
values can be further increased to 400  MPa with the incorporation of a 
bioactive reinforcement phase (in this study,83 hydroxyapatite was used). 
One main advantage of this method is the possibility of controlling the 
water uptake ability by cross-linking the chitosan polymer; this decreases 
the hydration degree signifi cantly and will obviously infl uence the drug 
release, allowing for a wide range of release profi les depending on the 
required application. The developed scaffolds seem to be very adequate for 
cell ingrowth. The developed scaffolds demonstrate no cytotoxicity as eval-
uated by 3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-
sulphophenyl)-2H-tetrazolium (MTS) assay. Preliminary cell seeding and 
differentiation tests with mesenchymal stem cells isolated from adipose 
tissue were also carried out, indicating cells with osteogenic and chondro-
genic morphology in the 3D particle-agglomerated scaffolds.82

To create constructs having more favourable integration properties that 
might be used for osteochondral tissue-engineering applications, we have 
also investigated the development of osteochondral bilayered porous mater-
ials by using the particle aggregation method. Bilayered scaffolds were 
successfully developed by means of aggregating polymeric and composite 
chitosan-based particles (Fig. 8.4).

8.4 Different compositions of bilayered chitosan-based agglomerated 
scaffolds consisting of a polymeric component aimed at the cartilage 
part and a composite component for the bone part.
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8.8 Microwave processing of 3D polymeric scaffolds

Another innovative methodology for producing porous biodegradable and 
natural-origin (starch-based) 3D architectures based on microwave pro-
cessing was also developed by our research group.15 The porous scaffolds 
produced by a microwave-based technique present an interesting combina-
tion of morphological and mechanical properties (matching the com-
pressive behaviour of human cancellous bone) and may fi nd uses in 
tissue-engineering applications and drug delivery applications which have 
an important role in tissue engineering.

Figure 8.5 shows the typical structure of the starch-based degradable 
scaffolds produced. It was possible to produce materials with interconnect-
ing pores, and an interesting combination of macroporosity (between 200 
and 900  µm) and microporosity (20–100  µm). The typical density of the 
biodegradable porous structures was in the 0.40–0.50  g/cm3 range. The meas-
ured mechanical properties are in some way remarkable. The best results 
were a compression modulus of 530  MPa and a maximum compressive 
strength of 60  MPa. These values, obtained for blowing-agent (containing 
corn starch, sodium pyrophosphate and sodium bicarbonate) amounts of 
10%, in the presence of hydrogen peroxide, are very similar to those of the 
cancellous bone. Better results are obtained in the presence of hydrogen 
peroxide because of partial oxidation of the starch molecule.

Finally it is very important to stress that the materials are degradable, 
and their loss of weight is about 40% after immersion for 30 days in an 
isotonic saline solution. The developed morphologies seem to be adequate 
for use as tissue-engineering scaffolds, or as drug delivery carriers. In the 
latter case the water-uptake capability of materials is a very important issue 

2 mm

8.5 Starch-based scaffolds produced by a microwave technique.



 Tissue engineering using natural polymers 211

since it is controllable by the porosity, as discussed further later in this 
chapter. Work was also carried out in our group for the development of 
composite porous structures, using hydroxyapatite as fi ller, by means of a 
similar microwave technique. The improvement in the mechanical proper-
ties and in vitro bioactive behaviour of these porous structures were the 
main goals of the approach. As described herein, a new simple processing 
route to produce starch-based scaffolds was developed by the 3B’s Research 
Group, based on a microwave baking methodology. This innovative pro-
cessing route was also used to obtain loaded drug delivery porous carriers, 
incorporating a non-steroid anti-infl ammatory agent. This bioactive agent 
was selected as a model drug, and it is expected that the developed meth-
odology might be used for other drugs and growth factors that play a crucial 
role in tissue engineering. More information can be found in the paper by 
Malafaya et al.15

The prepared systems were characterised by 1H and 13C nuclear magnetic 
resonance spectroscopy, which permitted the interactions between the 
starch-based materials and the processing components, namely the blowing 
agents, to be studied. The behaviour of the porous structures, while 
immersed in aqueous media, was studied in terms of swelling and degrada-
tion, which are intimately related to their porosity.

Finally, the systems exhibit a controlled release of the drug with clear 
different stages. The in vitro drug release studies that were performed 
showed two stages: fi rst a clear burst effect controlled by the porosity, fol-
lowed by a slow controlled release of the drug during several days. The fi rst 
stage corresponds to a period of 10  h with a release of 40–55% (depending 
on porosity) of the loaded meclofenamic sodium salt (MS) and the second 
stage, which is much slower, is dynamically controlled by the degradation 
of the polymeric matrix, leading to a release of 55–70% of the loaded MS 
during a release period of 10 days.

8.9 Conclusion

In this chapter a range of processing methodologies and technologies that 
have been used to to develop tissue-engineering scaffolds from natural-
origin polymers have been described. Tissue-engineering scaffolds consist-
ing of naturally derived macromolecules have the potential advantages of 
biocompatibility, cell-controlled degradability and intrinsic cellular interac-
tion. However, they may exhibit batch variations and, in many cases, possess 
a narrow and limited range of mechanical properties. Nevertheless, the 
processing technologies presented herein can tailor, to a great extent, the 
fi nal properties of natural-origin scaffolds. Furthermore, in the same way 
that no material alone will satisfy all design parameters in all applica-
tions within the tissue-engineering fi eld, it is also true that a wide range of 
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materials can be tailored for discrete applications, through the use of the most 
appropriate processing methodologies and processing parameters selected.

Despite all the diffi culties of working with natural based materials, it 
was shown that by using different process routes it is possible to obtain a 
range of microstructures and mechanical properties that can accomplish 
many of the requirements of 3D scaffolds for different tissue engineering 
applications.
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