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Preface

This thesis is divided into different parts: First the hypothesis and
objectives are presented, to be followed by introduction and the
materials and methods part. The proceeding chapters describe
each part of the research with corresponding results and
discussion. The thesis is completed with general conclusions and

future studies.

The introduction presents articular cartilage and describes the
biomechanics of the joint. The current state of tissue regeneration

is portrayed, such as the clinical strategies for cartilage repair.

The material and methods part gives the details of experimental

techniques and biomaterials used throughout the research.

The chapters dedicated to research results are based on studies
previously published or under revision for publishing. In each
chapter a brief state of art introduces the study, followed by

results, discussion and conclusions.

Chapter three introduces an experimental model as artificial
cartilage mimic. The model resembles the in vivo conditions of a
porous scaffold implanted in a cartilage defect, by a Poly(Vinyl
Alcohol) hydrogel. The model is applied on a Polycaprolactone
scaffold and the mechanical properties of the scaffold/hydrogel



construct are evaluated.

Chapter four applies the experimental cartilage model on a
biostable acrylic scaffold series with different crosslinking
density, and evaluates the mechanical properties of the scaffolds.
The influence of different grades of crosslinking density on the
mechanical properties of the scaffold, as well as the effect of

water in the porous scaffolds is evaluated.

Chapter five deepens the understanding of the influence of micro-
and macro porosity on the mechanical properties of porous
scaffolds. The study compares the influence of micro-porosity and
hydrogel density on the mechanical behavior of the porous

scaffold/hydrogel construct.

Chapter six describes a fatigue study of the PCL/PVA construct,
under physiological conditions up to 100 000 cycles of
unconfined compression cycles. The morphology and mechanical
properties are evaluated after each cycle of fatigue to follow the

course of the compression impact on the scaffold and hydrogel.

Chapter seven describes the design of a biomedical device for
cartilage repair. The design is based on a patent for a biomedical
implant device for cartilage repair, and the study is adapted to be

designed for animal studies with a thin cartilage surface. The



device is designed and implanted in two sheep models, for two

different kind of implants.
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Abstract

The main purpose of this thesis is the design and characterization
of an experimental articular cartilage model. The in vitro model is
composed of a macro and micro- porous Polycaprolactone
scaffold with a Poly(Vinyl Alcohol) filling. The scaffold/hydrogel
construct has been subjected to repeating number of freezing and
thawing cycles in order to crosslink the hydrogel inside the
scaffold’s pores. The Poly(Vinyl Alcohol) resembles the growing
cartilaginous tissue inside the scaffolds pores, as it gets denser
and stiffer for each cycle of freezing and thawing. The in vitro
model allows studying a variety of characteristics of the scaffold
and hydrogel, revealing interesting features. The importance of
water flow on the mechanical properties is studied, so as the
influence of micro-porosity. It can be seen that the mechanical
properties of the porous scaffolds are influenced in distinct ways
by the hydrogel density and micro-porosity of the scaffold. The
permeability of the scaffolds is studied and is seen independent of
crosslinking density of the hydrogel inside the porous scaffolds.
The experimental cartilage model has also been applied on a
macro porous acrylic scaffold. The results show that the water
has different effect on the mechanical properties, for macro, or
macro and micro-porous scaffolds. The in vitro cartilage model

has elastic modulus, aggregate modulus and permeability values

12



in the same order as human articular cartilage. The model is
useful to predict the mechanical behavior of porous scaffolds in
vivo. A scaffold implant device for animal studies has been
designed based on a previous patent of the research group, and
implanted in two different in vivo trials in sheep. The results
show that the fixation and anchoring to the subchondral bone
improve the tissue repair and diminish alterations in the

subchondral bone.
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Resumen

El objetivo principal de esta tesis doctoral es el disefio y
caracterizacion de un modelo de cartilago articular experimental.
El modelo in vitro se compone de un scaffold micro- y
macroporoso de Policaprolactona con un relleno de Poli(Vinil
Alcohol). El constructo scaffold /hidrogel ha sido sometido a ciclos
consecutivos de congelacion y descongelaciéon con objeto de
entrecruzar el hidrogel dentro de los poros del scaffold. El
Poli(Vinil Alcohol) mimetiza al tejido de cartilago que se
regenerara en los poros, ya que en cada ciclo de congelacion y
descongelacidon se vuelve mas denso y duro. El modelo in vitro
permite estudiar una gran variedad de caracteristicas del scaffold
e hidrogel, revelando fenbmenos interesantes para la ingenieria
tisular. Se ha estudiado la importancia del flujo de agua a través
del scaffold en las propiedades mecanicas, asi como la influencia
de la microporosidad. Se ha podido constatar que la densidad del
hidrogel y la microporosidad influyen de distinta forma en las
propiedades mecanicas de los scaffolds porosos. Se ha estudiado
la permeabilidad de los scaffolds, que ha resultado ser
independiente de la densidad de entrecruzamiento del hidrogel

dentro de sus poros. El modelo experimental de cartilago se ha

14



aplicado también a un scaffold macroporoso acrilico. Los
resultados muestran que el agua tiene un efecto distinto en las
propiedades mecanicas de los scaffolds macroporosos y en los
micro- macroporosos. El modelo de cartilago in vitro tiene valores
del modulo elastico, médulo agregado y permeabilidad que son
del mismo orden de magnitud que los del cartilago articular
humano. El modelo permite predecir el comportamiento
mecanico in vivo de scaffolds porosos. Se ha disefiado un
dispositivo de implante de scaffold para experimentos en
animales basado en una patente del grupo de investigacién, que
ha sido implantado en dos ensayos in vivo diferentes en ovejas.
Los resultados muestran que la fijacion y anclaje al hueso

subcondral tiene un gran papel en la reparacion del tejido.
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Resum

L’objectiu principal d’aquesta tesi doctoral és el disseny i
caracteritzacido d’'un model de cartilag articular experimental. El
model in vitro es compon d’un scaffold micro- i macropords de
Policaprolactona amb un farciment de Poli(Vinil Alcohol). El
constructe scaffold/hidrogel ha estat sotmes a cicles consecutius
de congelaci6 i descongelaci6 amb l'objectiu d’entrecreuar
I'’hidrogel dins del porus del scaffold. El Poli(Vinil Alcohol)
mimetitza al teixit de cartilag que es regenerara en el porus, ja
que en cada cicle de congelaci6 i descongelacio es torna més dens
i dur. El model in vitro permet estudiar una gran varietat de
caracteristiques del scaffold i hidrogel, posant de manifest
fenomens interessants per a I’enginyeria tissular. S’ha estudiat la
importancia del flux d’aigua a través del scaffold en les propietats
mecaniques, aixi com la influencia de la microporositat. S’ha
pogut constatar que la densitat de 'hidrogel i la microporositat
influeixen de distinta manera en les propietats mecaniques dels
scaffolds porosos. S’ha estudiat la permeabilitat dels scaffolds, que
ha resultat ser independent de la densitat d’entrecreuament de
I’hidrogel dins dels seus porus. El model experimental de cartilag
s’ha aplicat també a un scaffold macroporos acrilic. Els resultats

mostren que l'aigua té un efecte distint en les propietats
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mecaniques dels scaffolds macroporosos i en els micro-
macroporosos. El model de cartilag in vitro té valors del modul
elastic, modul agregat i permeabilitat que s6n del mateix ordre de
magnitud que els del cartilag articular huma. El model permet
predir el comportament mecanic in vivo de scaffolds porosos. S’ha
dissenyat un dispositiu d'implant de scaffold per a experiments
en animals basat en una patent del grup d’investigaci6, que ha
segut implantat en dos assaigs in vivo diferents en ovelles. Els
resultats mostren que la fixacié i ancoratge a I'os subcondral té

un gran paper en la reparacio del teixit.
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Hypothesis

We hypothesize that the long-term performance of a scaffold
implanted in a chondral defect can be predicted by means of
measurements conducted “ex vivo” in an experimental model.
This model consists of filling the scaffold with a gel that simulates
the growing repair tissue within the scaffolds pores. The model
should allow the prediction of mechanical properties, such as

compliance, water permeability and fatigue resistance.

Regarding clinical solutions for cartilage regeneration, we believe
that the anchoring system of the scaffold to the subchondral bone
is an important factor for tissue repair. We believe that a given
scaffold device, designed for humans, can be adapted to animal
models in such way that the experiments can evaluate the

stability of the implant.
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Objectives

The main objective of this thesis study is to contribute to the
development of scaffold implants for articular cartilage repair
with tissue engineering techniques. The clinical solutions offered
today mostly generate a fibrous cartilaginous tissue. We believe
that scaffolds for cartilage repair need mechanical improvement
and subchondral bone anchoring, to improve the tissue repair.
Hereof, the study mostly concentrates on porous scaffolds made
of biodegradable Polycaprolactone. Previous developments of our
group demonstrated the suitability of this material for cartilage
engineering. The objective however, is also to obtain results that
can be applied on other scaffolding systems. Therefore, a
biostable scaffold system made of Poly(Ethyl Acrylate) and
Poly(2- Hydroxyl Ethyl Acrylate) has been evaluated. The
scaffolds implanted in articular cartilage must create an adequate
biomechanical environment for cells, and thus prediction of the
mechanical behavior of the scaffold implanted in the joint is
essential. The material is expected to reside in the implantation
site for a long time, subjected to dynamic compression. It is
important to have a tool to ensure that the implant is able to
sustain the long term loading. Therefore, this study wants to find

means to test the mechanical properties of the porous scaffold in
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simulated in vivo conditions, when the pores are filled with
physiological fluids and growing repair tissue. The specific
objectives are therefore to develop an experimental model that
simulates the growing tissue inside the scaffolds pores. With this

model we want to study:

* How the in vivo time-dependent tissue repair can be
simulated experimentally

* How macro and micro porosity influence the mechanical
behavior and permeability of porous scaffolds

* The fatigue behavior of porous scaffolds and the influence
of hydrogel filling

* The differences in mechanical response of scaffolds with

double pore architecture to scaffolds with solely macro-

porosity

Furthermore, the objective of this study is to contribute to the
clinical solutions for cartilage regeneration offered today, and to
their improvement. This is made by designing a biomedical
device for implantation in the articular cartilage. The design is
based on a patented scaffold device, and adapted to animal
models. The objectives is to assess the stability of the implant,
and evaluate the importance of subchondral bone anchoring on

tissue repair.

20



List of abbreviations
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MRI-Magnetic Resonance Imaging
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Introduction

Chapter 1: Introduction

Cartilage development

Cartilage is a connective tissue found in different parts of

the body. The three mayor types of cartilage are:

* Elastic cartilage found in ears, epiglottis and larynx

* Fibrous cartilage found in intervertebral discs,
articular joints and ligament

* Hyaline cartilage found in craniofacial structures,
trachea and growth plate of long bones and surface

of joint articulations.

Articular hyaline cartilage is an avascular tissue with
relatively few cells, called chondrocytes. The special
arrangements of cells and extra cellular matrix
components in hyaline cartilage make it a highly
specialized tissue with load bearing capacities and low
friction properties. The articular cartilage in the knee joint
covers the long bones femur and tibia, plus the patella

(Figure 1).
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Femur

(Thighbone) Patella

: 7 \ (Kneecap)

Articular
Cartilage

Tibia
(Shinbone)

Figure 1. The anatomy of the knee joint seen from the side. The articular

cartilage is seen as a white surface. (1)

Development of cartilage, also called chondrogenesis, is
the earliest phase of skeletal development. The skeletal
system is derived from the mesoderm germ layer during
embryogenesis. Chondrogenesis is a dynamic cellular
process during vertebral development and leads to the
different cartilage types. During limb development and
growth, chondrocytes form cartilage at the end of long
bones. Chondrogenesis form cartilage intermediate and

leads to endochondral ossification during bone and
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Introduction

skeletal development. This process is initiated by
mesenchymal cell recruitment and migration, proliferation

and condensation into precartilage (Figure 2).

(2) Chondrogenesis is dependent and regulated by cell-cell
and cell-matrix signals and is seen as increased cell

adhesion and changes in cytoskeletal architecture.

M hymal cell Chondroprogeni Chondr i lar i i Ossification
proliferation and proliferation and and terminal and cartilage matrix
condensation differentiaion differentiation calcification
TGF-f
Wint-34, 7A FGF-18FGFR3 o GF
FGF-2.4,8,10 IGF-1 BMP-2,7 | FGF-2/FGF-R1
Sonic Hh FGF-2/FGFR2 PTHP cgllar Wint14/
BMP-2,4.7 BMP-2,4,7,14 Ihh/Prc f-catenin
—_—
HoxA,HoxD S0x9, 5,6 Stat1 Runx2
Sox8 Gi3.2 Osterix
Glia Run TCFiLeft
Fra2/JunD
< Fibronectin == - Aggrecan P
- N-cadherin 3
<~ Tenascin =3
<~ Hyaluronan=—3»
< COMP -
<«Collagen B> <= Collagen || B, IX =y <= Collagen X 3> <= Collagen | —3»
<& Collagen Il A=g» Collagen XI Osteocalcin
Collagen XI

Figure 2. Chondrogenesis during endochondral ossification. (3)

Briefly, chondrogenesis and endochondral ossification are
initiated by mesenchymal cell condensation to progenitor
cells that differentiate to chondroblasts. Endochondral
ossification begins with formation of periosteum in a
primary ossification center. The periosteum contains
undifferentiated cells that differentiate to osteoblasts. The
osteoblasts form bone collar in appositional growth of the

bone shaft. The chondrocytes in the primary center of
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ossification begin to proliferate and undergo hypertrophy.
The chondrocytes cease the secretion of collagen and
proteoglycan and start secreting alkaline phosphatase, an
important enzyme in mineral deposition. The chondrocyte
matrix then calcifies, and osteoprogenitor cells use the
calcified matrix for bone trabecular formation. The bone
marrow is formed by osteoclasts by breakdown of spongy
bone. The calcified cartilage is then resorbed and replaced
by bone. Chondrocytes are in this way pushed to the
articular surface of the long bones and form the thin
articular cartilage layer. This is how chondrocytes form
the articular cartilage at the end of opposing bones, with
the cartilage zones formed during the process. The limb
development is controlled by interacting pathways
involving fibroblast growth factor, FGF, transforming
growth factor 1, and bone morphogenetic protein, BMP.
Interactions with positive and negative signaling kinases
and transcription factors, such as Sox9 and Runx2 control

the destiny of differentiated chondrocytes. (3) (4) (5)
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Introduction

Cartilage composition

Hyaline cartilage is composed of cells, chondrocytes, and
extra cellular matrix, ECM, produced by chondrocytes.
Chondrocytes make up less than 5% of the total tissue
volume. A healthy hyaline cartilage consists of 70-75%
water, up to 20% proteoglycans, and 10-20% collagen. (6)
(7)(8) Chondrocytes do not have any direct cell to cell
contact and are enclosed in ECM cavities called lacunae.
Proteoglycans consist of a core protein with covalently
attached glycosaminoglycans, GAG, chains that are long
linear negatively charged carbohydrate polymers. The
most abundant proteoglycan in cartilage is aggrecan, also
called cartilage-specific-proteoglycan  core protein.
Aggrecan is a high molecular weight proteoglycan with a
bottlebrush structure in which the negatively charged
chondroitin sulfate and keratin sulfate chains are attached
to a protein core (Figure 3). (9) (10) (11) Hyaluronic acid
is another important component in the cartilage ECM and
unlike the proteoglycans, not attached to a core protein. It
is an anionic nonsulfated glycosaminoglycan that is found
in abundance in cartilage. It is a polysaccharide consisting
of D-glucuronic acid and N-acetylglucosamine residues.
Hyaluronic acid is a very hydrophilic molecule and can
absorb great quantities of water and contribute to the
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sponge effect of cartilage. Consequently hyaluronic acid is
also important in load-bearing in the articular joint. (12)

(13)

1
pm aggrecan aggregate

/7 ,core protein
27,

(aggrecan)
?\Z 99

7,

\
/__ link protein
-

hyaluronan
molecule

keratan /-ﬁ <
sulfate A><_- chondroitin sulfate
7 i

Figure 3. The aggrecan molecule. The molecule consists of a link protein
attached to hyaluronan and glycosaminoglycans (keratin and

chondroitin sulfate) attached to a core protein. (14)
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Introduction

Articular surface

7
7,
S s Wt & |t STZ(10%-20%) _[: =
o o@ - @ bl {) @
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® e _|e
® 0T G O Sk [T Mk
o-60%
%% S ® 3%”%2 : i
3 '." 2 Deep zone EEN 7
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Figure 4. The articular cartilage with different zones. a) Shows the

distribution of chondrocytes and b) the collagen fiber alignment. (10)

The other main constituent of cartilage is collagen, that
gives strength and elasticity to the tissue. Collagen fibers
account for about two thirds of the dry weight of healthy
adult cartilage. In mammalian articular cartilage the
collagen types vary with age: from fine fibrils with about
80% collagen type II, 10% collagen IX and 10% collagen XI
to adult thick collagen fibers with more than 90% collagen
type Il and about 1% collagen IX and 3% collagen XI. (15)
The different collagen types IX, II and XI are subunits of
the same fibril network (16) and their spatial assembly
differ with tissue depth. Chondrocytes and ECM
components are distributed in such ways that the tissue is
divided into different zones with different characteristics

(Figure 4). A healthy articular cartilage in the human knee
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joints is up to 3 mm thick with four different zones,
starting from the surface down to the subchondral bone.
(17) The superficial zone represents about 20% of the
tissue and chondrocytes are positioned parallel to the
surface with collagen fibers packed in thin bundles in the
same direction. This zone of cartilage contains the highest
amount of collagen type II and the lowest amount of GAGs.
The collagen fibrils are about 200 microns in this zone.
(18) (19) Due to this arrangement the superficial zone of
cartilage has high tensile strength, withstand great shear
stresses and lowers the friction in the joint. The superficial
zone has the lowest water content of the tissue. (20) The
next zone is the middle, or transitional zone, and it
constitutes about 40-60% of the tissue thickness. The
chondrocytes are spherical and the collagen fibers are
thicker and both are randomly distributed in this zone.
When cartilage is compressed, the collagen fibers in this
zone reorient towards a horizontal position which helps
resist compression loads. Proteoglycans are abundant and
reach their maximum level in the middle zone. The next
zone is the deep zone where chondrocytes are rounded
and aligned in vertical columns, so as the collagen fibers.
The deep zone has the highest level of GAGs and the
highest elastic modulus. In the interface with the
subchondral bone the calcified cartilage layer is
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Introduction

characterized by hypertrophic chondrocytes and
mineralized tissue. This zone has a higher level of collagen

X. (21) (22) (17) (23) (24)

Biomechanics of cartilage

The elastic modulus of human articular cartilage in
compression is normally between 0.5-0.8 MPa (25) (26)
and increases with tissue depth from the articular surface.
(27) Cartilage normally withstand physiological
frequencies between 0.1 and 10 Hz. (28) (29) (30) The
high elastic modulus is a consequence of the water
swelling capacities of negatively charged GAGs and
collagen fiber alignment. (31) Proteoglycans are
polyanionic in aqueous solutions, due to the sulfate and
carboxyl groups in the glycosaminoglycan chains. When
compression loading is applied to the joint and cartilage is
compressed, the proteoglycans negative charges are
pushed close together, which increases the mutual
repulsive forces and makes cartilage a hard tissue.
Cartilage is in this way a sponge, with proteoglycans
absorbing great amounts of water. The mechanical
modulus of cartilage increases with the glycosaminoglycan

content. The proteoglycans are entrapped in collagen
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fibers (Figure 5) and the volume of proteoglycans is

therefore limited by entanglements of collagen. (31) (20)
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Figure 5. The collagen and proteoglycan network interact and form a

porous solid matrix in cartilage. (32)

Not only the proteoglycans but also the collagen fibers
play an important role in the mechanical properties of
cartilage. If the collagen framework is damaged or
reduced, the proteoglycans are less entrapped and loose
their aggregation capacity. (33) (33) The shear
deformation is mostly dependent on collagen, involving
predominantly sliding of collagen microfibrils. (34) When
cartilage is stretched in tension the collagen fibers are
stretched. The collagen fibrils and entangled proteoglycan

aggregates align and stretch in the loading direction. The
33



Introduction

stiffness of the collagen fibers in turn depends on the
orientation and density of the fibers and grade of
crosslinking. (35) The tensile modulus is considered an
intrinsic, flow-independent property of cartilage and in

the order of 5-25 MPa in human joints. (35)

In the superficial zone the collagen fibers make the tissue
resistant to shear stresses and it is also the zone where
highest strains (up to 50%) can be reached. This is where
practically all fluid flow out of the tissue and this
diminishes the hydrostatic pressure. The axial
compressive modulus is lower in the superficial zone. In
the deeper zones the fluid flow is practically zero, giving a
high hydrostatic pressure and low strains. (27) The
differences in tensile and compressive strength of the
cartilage zones have important influences on the
deformation characteristics under load. (36) (26) The
main mechanism that makes chondrocytes receive
nutrients are based on the diffusion across the articular
surface. Nutrients from the synovial fluid diffuse through
the articular surface and reach chondrocytes in the tissue.

(37) (38) (39)
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The viscoelasticity of cartilage

The articular cartilage is as stated composed of a solid
matrix which primarily consists of negatively charged
proteoglycans, collagen fibers and water. The
proteoglycans create a swelling pressure, giving
compressive resistance to the tissue. The collagen fibers
resists the swelling and determine the tensile properties.
The articular cartilage is structurally inhomogeneous and
possesses anisotropic and nonlinear mechanical
characteristics. To get close to reality, articular cartilage
has been modeled with biphasic, triphasic and elastic
models. (25) Most models consider the tissue as a
homogeneous and isotropic material, even though more
realistic, and complex, models have been developed. The
commonly accepted methods to determine the mechanical
properties of cartilage are unconfined compression,

confined compression and indentation testing. (32)

As discussed, the compressive stiffness of cartilage is
highly dependent on fluid flow through the tissue and the
articular surface. (20) When cartilage is deformed, fluid
flows through the tissue and the articular surface, making
the tissue behaving somehow like a sponge. Because of the

composition of cartilage with cells, solid extra cellular
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matrix molecules and interstitial fluid that flows though
the solid parts it is common to treat cartilage as a biphasic
material. The biphasic model considers cartilage as a solid
part (ECM molecules) and a fluid part (interstitial fluid).
(40) (41) (42) The solid part is considered an isotropic,
linearly elastic solid and the fluid part as an
incompressible material without viscosity. The forces
acting within cartilage during load are, according to the
biphasic model: pressures acting within a deformed
network of proteoglycans and collagen, frictional drag
between the ECM molecules and water, and pressure
within the fluid phase. (40) These three internal force
responses give cartilage viscoelastic properties under
load, meaning that the load response will differ with time.
Under fast load fluid does not have time to leave the tissue
fast enough, and gives an elastic solid response. The
pressurized fluid components give cartilage its load-
bearing capacities and viscoelastic properties. (43) The
interstitial fluid between the organic matrix molecules and
the friction raised is governed by tissue permeability, and
provides a significant energy dissipation mechanism. This
is seen in creep and stress relaxation tests when a
constant load or a constant strain is applied to the tissue,
and fluid exudates through the articular surface and is

redistributed inside the tissue. (44) (45) (40) The biphasic
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theory considers cartilage as a solid porous elastic part
and a fluid part, but in reality there is another additional
factor to consider, the fixed charge density. As mentioned,
there are more complex models to describe the articular
cartilage tissue. A triphasic theory has been developed,
including the biphasic system with solid-fluid phases and
additionally an ion phase, to describe the stress and strain
response for cartilage under mechanical load. (46) The
proteoglycans in the ECM of cartilage are negatively
charged due to the sulfate (SO3) and carboxyl groups
(COO) at the glycosaminoglycans. The negative charges
results in a high charge density in cartilage, and generates
an imbalance of mobile ions across the articular surface of
cartilage to the synovial fluid. This gives rise to a pressure
difference that generates a higher fluid pressure within
the cartilage, named Donnan osmotic pressure. (47) From
these phenomena two definitions emerge: the intrinsic
and the apparent properties. The biphasic model is
considered to give rise to apparent properties, and the
triphasic model gives intrinsic properties. The Donnan
osmotic pressure is shown to contribute to 30-50% of the
equilibrium compressive stiffness of cartilage. Swelling of
cartilage then depends on the fixed charge density, the
collagen and proteoglycan matrix and the ion
concentration in the synovial fluid. The triphasic model of
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cartilage assumes constant fixed charges and counter ions
in the synovial fluid as cations of a single salt. The
gradients of the chemical potentials are the driving force
for movement and depend on fluid pressure, salt
concentration, solid matrix swelling and fixed charge

density. (48) (49)

The permeability of articular cartilage

The hydraulic permeability is an important parameter to
describe the flow-dependent behavior of cartilage in
compression. The apparent permeability of articular
cartilage is in the order of 10-1>m#/Ns and is nonlinearly
dependent of tissue compression. (41) (50) Permeability
can be described as a measurement of the internal
frictional resistance of ECM molecules to interstitial flow.
The low permeability value of cartilage reflects that both
great interstitial fluid pressures and energy dissipations
occur inside the tissue. The permeability of cartilage is
inversely related to the negative charges of the
proteoglycans. The proteoglycan content is increasing
with tissue depth and so the fixed charge density. The
permeability is decreasing with tissue depth and reaches
the lower values in the deep zone, where the

proteoglycans are abundant and the load is the highest.
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The cartilage surface is an exception, since the surface
permeability is very low. (51) (52) Cartilage permeability
also varies with the tissue deformation. When the tissue is
compressed, the permeability decreases, which will make
fluid flow decrease. Regarding permeability through the
cartilage zones, there exist different interpretations of the
phenomena across the cartilage and bone interface. Some
researchers claim that there is no exchange of water or
solutes between the cartilage and the bone (51) (53) (54),
whereas other authors have seen a passage of molecules
from both the subchondral bone and from the articular
surface to the articular cartilage. (55)(56)(57) An
accepted theory today seems to be that the calcified
cartilage is permeable from the surface and only in some
extend from the subchondral bone, and foremost in
younger persons. (43)(58)(59) As mentioned, the
permeability at the cartilage surface is very low. The
collagen fibers are smaller and closely packed at the
surface of cartilage, which creates a system with narrow
channels and greater flow resistance. (60) (61) (52) The
close weave of small collagen fibrils at the cartilage
surface could have several functions. It gives cartilage a
smooth wear resisting surface and energy dissipation
characteristics. Whereas the deeper zones can absorb
more energy upon deformation, the superficial zone can
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release this energy when unloaded. It also serves as filter
for bigger molecules, preventing loss of important extra
cellular matrix components and hindering synovial

molecules to enter cartilage. (51)

Permeability can be measured directly from the
relationship between fluid pressure and interstitial fluid
flux (60) or by mathematical models from flow-dependent
strain or stress response compression tests. By measuring
the compressive modulus when the fluid flow cease at
equilibrium the solid matrix stiffness will be reflected
without the influence of interstitial fluid flow and fluid

pressurization. (40)

Confined compression

In confined compression the load is applied to the
cartilage specimen through a porous plate where fluid can
flow out. By confined compression tests the permeability
and aggregate modulus of cartilage can be measured. As
previously described, permeability is the resistance to
fluid flow through the cartilage solid matrix. The average
fluid velocity through the tissue is proportional to the
pressure gradient applied, and permeability is the
proportionality constant. In confined compression tests,
the cartilage is placed in an impervious fluid filled well, so
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fluid can only flow out through the porous loading plate.
By confined compression test, either the load or the strain
applied can be constant. If the load applied is constant and
strain is measured with time, the experiment is called
creep. If the strain is constant and force measured with
time, the experiment is called stress relaxation test. In
creep, cartilage is deformed under constant load but the
deformation is not instantaneous, and depends on fluid
flow out of the tissue. The initial displacement is fast, with
a large fluid flow out of the cartilage. The interstitial fluid
immediately pressurizes upon confined compression
loading and make up more than 95% of the total load-
bearing. (62) The rate of displacement slow down with
time and the strain reaches a constant value. When
equilibrium is reached the strain is constant and the fluid
flow deceases. In stress relaxation tests, the strain is hold
constant and force measured in time. The force required to
hold the strain at a certain level will diminish with time as
the extracellular matrix reorganize in the tissue. The force
will eventually be constant and the system reaches
equilibrium when fluid flow stops. The aggregate modulus
is the mechanical stiffness at equilibrium when the fluid
flow has stopped. In cartilage the aggregate modulus is in

range of 0.5-0.9 MPa. (63)

41



Introduction

Indentation test of cartilage

Indentation is the most common experimental method to
calculate the biomechanical properties of cartilage.
Indentation differs from normal compression in the way
that the compression pole used is only one fifth of the
sample diameter. The cartilage specimen is tested with the
subchondral bone intact under the cartilage and resembles
the in vivo situation. (64) Indentation is the most
convenient experimental method to determine the
mechanical properties of cartilage, as it can be done on
specimens with different size and shape. The common
cartilage model is a biphasic isotropic homogeneous linear
elastic solid phase with an incompressible, inviscid fluid
model. The single phase linear elastic model is an
approximation of the cartilage mechanical response and
used for short time response or long time equilibrium
response. The parameters in a linear elastic assumption
are Young's modulus and Poisson’s ratio. Young's
modulus is the stress-strain coefficient in the linear elastic
zone. When a material is compressed or stretched in one
direction, it expands or stretches in the opposite direction.
Poisson’s ratio is the negative ratio of transverse to axial
strain. Hooke’s law is another proportional constant,
saying that for small deformations the displacement is
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proportional to the load. (65) (66) (67) (68) Indentation
or confined compression tests can be used to determine
the material constants by the biphasic model. When the
Poisson’s ratio is calculated for a material according to the
biphasic model], it is calculated in equilibrium state. In the
equilibrium state, the water flow has ceased in the
material and the aggregate modulus, Poisson’s ratio and
relaxation time can be calculated. The short time response
is then assigned to the viscoelastic solid and the long time
response to the biphasic fluid flow. (69) To calculate the
mechanical behavior from indentation tests Hayes model
can be used. (Equation 1) (67) The model searches
Young’s modulus (Es) that is determined from the slope
(E) of the equilibrium stress-strain curve. The model then
associates the slope with the Poisson’s coefficient (v), the
indentation radius (a), the height of the specimen (h) and
k which is a function of specimen volume and Poisson’s

coefficient.

—v%)n'a

_pd
E;=E oy (1)
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This model assumes totally elastic behavior of the material
and is therefore valid when the load only just started, for
short times assuming there is not other contributions, and
for infinitive long times, in which the time dependent

deformations already occurred.

Osteoarthritis and mechanical failure of cartilage

Osteoarthritis, OA, or degenerative joint disease, is one of
the most common skeletal disorders and characterized by
cartilage degradation. The articular cartilage has limited
regeneration capacity and OA disables approximately 10%
of the first world population over 60 years old. Full-
thickness chondral defects are more common among
athletes with a high level of mechanical compression
loading on the joints, than among the rest of the
population. (70) Cartilage degradation can be seen as
cracks in the articular surface, fibrillation and loss of
tissue (Figure 6). There can also be signs of subchondral
bone changes, joint space narrowing, increased cartilage
hydration and altered cellular activity together with
structural and organizational changes of cartilage
composition. (71) (72) (73) Some theories say that
degeneration starts with vertical cracks initiated by high

tensile stresses on the articular surface. (74) It is still
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unclear about the exact molecular mechanism behind OA,
but it is believed that OA is induced by accumulated
mechanical stress. It might sound rare since previously
stated that mechanical loading affects chondrocyte
differentiation positively (75) and increases ECM
production (37), but one should remember this is always
moderate physiological deformations. High mechanical
loading has the reverse effect. It is not clear how ever, if
the tensile stress, the compression loading or the shear
stresses on cartilage are the predominant factors
provoking fibrillation and cracking of the surface.
Repeated high compressive loads lead to a decrease in
tensile strength, which may imply that internal damage in
the tissue occur before apparent surface fibrillation. The
compressive modulus decrease with increasing severity of
degradation in the joint. (76) The tensile modulus
decrease up to 90% in degenerative joints which show
irreversible changes to extra cellular matrix components,
in particular the collagen fibers. The collagen fibrillar
network suffers a disorganization, rupture, unwinding,
fibrillation or loss of crosslinking which lowers the tensile
strength. (77) (26) Other factors as gender, obesity,
trauma and occupation have shown to influence both the

mechanical stress and the OA directly. (78)
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Figure 6. lllustration of a normal joint and a joint with OA. (79)

In the healthy joint ECM molecules like collagen type I,
proteoglycans and hyaluronic acid make up a framework
that supports the compressive forces exerted in the joint.
The mechanical properties of cartilage are due to water
binding characteristics of GAGS and elastic collagen fibers.
In a joint with OA the proteoglycans are fragmented and
often found in the synovial fluid. The mechanical loading
then is subjected directly to the collagen fibers that are
destroyed and degraded. There are several upstream
signals that can cause degradation of cartilage, starting
from mechanical failure (Figure 7). For example matrix
metalloproteinases and aggrecanases, are shown to be
initiators of OA progression. These proteinases damage
the core protein of proteoglycans. (80) (81) The
proteinases are in turn induced by different factors and
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signals. The fragments of degraded proteins are also
shown to trigger additional degradation. Pro-
inflammatory factors produced by chondrocytes and
synovial cells may also contribute to the progression of
OA. Mechanical stress can induce transcriptional activator
Runx2, that affects chondrocyte hypertrophy and
chondrocyte apoptosis. Those steps in the endochondral
ossification are seen to be important for the progression of
OA. Regarding the onset of OA, cartilage degradation may
start in the center of the knee joint by the activation of
proteinases. The proteinase activation can in turn be due
to hypertrophic chondrocytes. In the edge of the joint
vascularization is increased and the same signals can
cause osteophyte formation. In the center of the joint there
is no vascularization from synovium, why cartilage is

degraded without being replaced by bone. (82)
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Figure 7. Initiators and pathways of OA in the knee joint. (83)

As previously described normal joint function depends on
absorption and transmission of loads by the healthy
articular cartilage. In normally functioned joint, articular
cartilage will provide lubrication, energy dissipation and
load bearing capacities. As previously described, the load-
bearing capacity of cartilage is a result of interstitial fluid
flow through a porous solid matrix, and physical
interactions between ECM components that results in
water swelling capacity. The load response is viscoelastic,
and hence varies with time, and so gives rise to stress
relaxation, creep and energy dissipation effects. If cartilage
is damaged, either by injury or degeneration of ECM

components, the mechanical function of the joint will
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decrease, which can lead to further degeneration of the
tissue. Small changes in the composition or organization of
the ECM will lead to changes of the mechanical properties
and function of the joint. Another consequence of cartilage
degradation is tissue swelling. When proteoglycan
entanglement in the collagen fibers are damaged or the
collagen fibers disorganized, the water swelling capacities
increase. As more water can flow through the ECM,
permeability increases and fluid can flow out of the tissue
easily which increase the rate of deformation. (8) (73)

(84)

Clinical strategies for regeneration of articular cartilage
in the knee joint

As stated, the articular cartilage has limited capacity to
regenerate after damage or loss of tissue. This is mainly
due to its avascular nature, which implies that no recruiter
cells can arrive to the defect. The first step after
identifying the defect is classification according to
location, grade, size and morphology of the lesion. The
decision of which surgery or treatment to chose is made
by the surgeon and is based on size and nature of the
defect, weighted with the patients age, physical condition
and expectations. It is also important to find out if the

cartilage lesion is caused by trauma or genetics, and if the
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defect is a developing osteoarthritic lesion. (85) Articular
cartilage injuries are normally discovered during
arthroscopy and diagnostic imaging of the knee joint. (86)
The joint can be evaluated by X-rays, spiral CT 3D
construction, magnetic resonance imaging, MRI, or single
photon emission computed tomography. MRI is still the
most efficient and reliable technique to detect superficial
articular cartilage lesions. Arthroscopy is however the
best tool to evaluate the cartilage defects, with the
disadvantage of easily overestimate the cartilage size.
There are no strict rules about choosing the best
treatment for cartilage defects, current clinical strategies
depend not only on the nature of the defect but also on the
choice of the surgeon. (85) Not all cartilage defects are
treated, since the adjacent native cartilage can suffer from
a surgery. On the other hand untreated defects, even small,
can progress and cause functional problems leading to
pain, swelling and disability. The management and choice
of cartilage treatment can be divided into age related
treatments. For adolescents, surgery is normally not
recommended, as it can interfere with the growth and
regeneration potential of the patients own cartilage.
Instead non operational treatments are suggested. For low
activity patients up to forty-five years old microfracture,

described in detail below, is the first choice for full-
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thickness chondral lesions. The patients age has shown to
influence highly on the outcome of the microfracture. If
the cartilage lesion is contained another treatment option
is osteoarticular transfer system, mosaicplasty (Figure 8).
This technique uses cartilage from a healthy part of the
joint and moves in to the defect, in the form of plugs. (87)
If the patient is physically very active the treatment choice
might be different. The microfracture may allow faster
recovery and successive come-back to sports, but also
show tissue deterioration with time. Third generation
autologous chondrocyte implantation, ACI, will be
described in detail below and is shown to have slower
recovery process, but a later similar success ratio in
returning to sports. The results in clinical studies also
show that ACI might have better long-term results
compared to microfracture in high physical activity

patients. (88)
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Figure 8. In mosaicplasty fresh cartilage in the form of plugs is taken

from a non load-bearing area and grafted into the defect. .(89)

For small defects in patients over forty-five years old
microfracture is a good option if the defect is contained.
For not contained defects microfracture has shown to fail,
possible due to patients slow recovery and decreased
metabolic activity of cells. (90) Osteochondral grafts could

be the best treatment option for patients over forty five
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years with small cartilage defects. (87) The microfracture
is thus recommended for young patients with small or
medium sized defects, and have shown failure in the long-
term results for defects bigger than 3 cm?. (91) For
medium size lesions autologous osteochondral transfer
could be the best treatment option. The disadvantages of
this technique are low donor site availability and defect
size-limits. Matrix-assisted ACI, described below, is not
Food and Drug Administration, FDA, approved in the
United States but a treatment option in Europe, allowing
improvements to some clinical concerns such as cell
culture and surgical techniques. Tissue Engineering
options with scaffolds, growth factors or cells in
combination with one of previously described surgical

techniques offers promising results. (85)

Bone marrow stimulation techniques

Bone marrow stimulation techniques aim at repairing
articular cartilage with help of bone marrow mesenchymal
stem cells, bMSC, recruited from the subchondral bone.
BMSC are pluripotent stem cells and can differentiate into
chondrocytes under certain conditions. Pridie drilling and
abrasion techniques also take advantage of the

pluripotency of adult stem cells in subchondral bone
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marrow. (92) (93) The most common bone marrow
stimulation technique is microfracture surgery invented
by Steadman et al. in 1994. (94) Damaged cartilage is
totally removed and holes are drilled down to the
subchondral bone, making sure not damaging the
subchondral plate (Figure 9). In the first surgeries the
calcified cartilage was left intact, but better results are
seen when the defect is abraded down to the subchondral
bone (Figure 10). Perforations are made with special awls
and as close together as possible, which is 3 to 4 mm apart
to assure that they do not go into each other and provoke
bigger holes. These perforations provoke bleeding and
release of marrow elements, such as mesenchymal stem
cells and growth factors. The defect is soon filled with a
fibrin clot. The abraded surface of the subchondral bone is
rough and good for clot attachment. It has been reported
that pluripotent bone marrow progenitor cells
differentiate to chondrocyte-like cells and produce a
cartilaginous repair tissue that fills the chondral defect.
(95) However, the tissue produced is often fibro-
cartilaginous with lower mechanical properties than the
original tissue. The outcome of microfracture is discussed,
but reports overall good results, especially for small
(<2cm?) defects in young active patients. (85) 17 years

follow up studies have been made, showing increased
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function and pain relief. (96) It is not unusual to have to
repeat the surgical treatment due to tissue repair failure.
Microfracture might have been the first choice, and as
second surgery ACI is chosen. This is however seen having
negative results, due to the previous intervention of

subchondral bone. (97)

a) b)

Figure 9. a) The first step during microfracture surgery is to remove
damaged cartilage and make a hole down throughout the calcified
cartilage to the subchondral bone without interfering with the
subchondral plate. b) The second step is to make micro fractures with an
awl, allowing bleeding from subchondral bone and the formation of a
fibrin clot in the defect. Photo: L.Vikingsson taken during the operations

performed by Dr. Santos, further described in chapter seven.
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b)

Figure 10. a) An osteochondral sectioned stained with hematoxylin
eosin, HE, after microfracture in a horse model. b) It can be seen that the
defect is not completely filled and the repair tissue has poor attachment
to subchondral bone. The surgery was done in such way that the
calcified cartilage was left intact. The results from this study have led to

that the microfracture surgery technique changed. (98)

Regarding the tissue produced after microfracture,
histological examination in animals show enhanced

increase of collagen II expression, but lower aggrecan
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expression. This can be connected with the fibro-
cartilaginous tissue that has been seen generated after
microfracture in humans. Chondrocyte differentiation is to
a high extent determined by the mechanical forces acting
on the cells during the early stages of differentiation. If the
fibrin clot does not offer sufficient mechanical strength in
comparison to surrounding tissue, cells will likely not
express the markers typically associated with hyaline
cartilage, but more for fibrous tissue. As previously
described, aggrecan is responsible for the compressive
load bearing capacity of cartilage. If the proteoglycan

content decreases, so will the mechanical properties.

Cell origin and differentiation in microfracture defects
from surgery to tissue growth was investigated with time
in a rabbit model. (99) Directly after drilling and during
the first hours after surgery red blood cells came to the
defect from the vascularized subchondral bone. Fibrin
arcades were detected initially across the defect and
helped orientating progenitor cells. After one to some few
days the fibrin clot got firmer, with fibrinoid material
arrangement. New vascularization was seen in the bone
marrow. After three days, mesenchymal cells were
prominent at the surface and also seen in the deepest zone

of the defect. Mesenchymal cells were also seen invading
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the clot from the periphery. Not until one week
mesenchymal cells were seen in the middle zone of the
clot. After ten days the first signs of aggrecan synthesis
were seen. Some days later a fibrous cell layer was seen at
the surface. In the deep zone of the defect chondrocyte-
like cells were forming. In the marrow in the adjacent
bone a woven bone was formed. Healthy cartilage adjacent
to the defect was seen with empty lacunae, and the
cartilaginous tissue close to the defect became necrotic.
Two weeks after microfracture the defect was filled with a
cartilaginous tissue with flattened fibro-cartilaginous cells.
The chondrocyte layer was well developed three weeks
posterior surgery. Hypertrophic chondrocytes were
detected in the deep zone, bone formation in the depth of
the defect and a repair fibrous cartilage tissue filling out
the defect. After twelve to twenty-four weeks the cartilage
layers were well developed. Tidemark and lamellar
subchondral bone plate were well distinguished after
three months. Despite many good results seen after
microfracture surgery, many defects also showed
degradation after three months, with newly synthesized
tissue that failed to adhere to adjacent native cartilage.
Radioisotope labeling showed that chondrocytes in the
adjacent tissue did not participate in the re-population of

the defect. It was concluded that the bMSC were
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responsible for the repair tissue formed in the cartilage
defect after microfracture. The radioisotope label was also
seen in fibroblasts, osteoblasts, articular chondroblasts

and chondrocytes. (99)

Autologous matrix-induced chondrogenesis, AMIC, is a
modification of the microfracture technique, developed for
larger defects and sites difficult to access by ACI method.
The subchondral bone is perforated and a collagen
membrane is put on top of the defect to maintain the bone
marrow blood. The super clot is formed underneath the
collagen membrane and induced a fibrous cartilaginous

tissue. (100)

Short after invention of the microfracture technique the
differentiation potential of bMSC was mapped. (101)
Human MSC were isolated from marrow aspirates and the
hMSC could be induced to differentiate into adipocytic,
chondrocytic and osteocytic lineages (Figure 11). The
hMSC developed a proteoglycan and collagen rich matrix
after about ten days when cultured with transforming
growth factor 3. The cells could remain their multilineage
potential when expanded to colonies. It was concluded
that cell density, nutrients, spatial organization,
mechanical forces, growth factors and cytokines had a
profound influence on hMSC differentiation. Bone marrow
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is the major source of adult hematopoietic stem cells,
responsible for renewal of blood elements, and is also a

source of adult mesenchymal stem cells. (102)

Adij Chondro Osf

Figure 11. Isolated marrow derived stem cells differentiate into
mesenchymal lineages (A-1). The controls from skin fibroblasts (J-G) did
not show the same differentiation. Chondrogenesis was detected by

staining for collagen 1l and morphological changes. (101)

It has later been demonstrated that bMSC contribute to the
regeneration of mesenchymal tissue such as bone,
cartilage, muscle, ligament, tendon, adipose and stroma.
Mesenchymal stem cells are also found in other tissue,
such as adipose tissue, peripheral blood and placenta and
umbilical cord. (102) (103) (104) (105) (106) (107)
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Autologous chondrocyte implantation

Autologous  chondrocyte implantation, ACI, was
introduced by Brittberg et al. in 1984. It was the first
cartilage surgery using cell engineering techniques. The
ACI is a two step surgery where healthy cartilage is
harvested from a less load-bearing area, expanded in
culture and then suspended to be injected in the chondral
defect (Figure 12). Over the chondrocyte suspension a
membrane of periosteum is placed to keep the solution in
place. Today most surgeons use the second generation
ACI, where the periosteum flap is exchanged by a collagen
membrane. Third generation ACI is the extended version,
that consists of autologous chondrocytes seeded in cell
carriers or scaffolds and is used widely in clinics. (108)
ACI is normally used as a second surgery option after a
first surgery failure. The outcome of ACI is less age-related
than microfracture technique, patients over twenty years
are reported to have similar results. (109) 2-300 mg
(10mm x 5 mm strip) of healthy cartilage is harvested
from a low weight bearing zone of the joint, such as the
medial femoral condyle or lateral upper femoral trochlea.
The patient’s blood and the harvested cartilage are sent to
cell laboratory for cell expansion and suspension. In the
second operation the knee is opened by mini-arthrotomy
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and the defect is debrided to leave a clean defect with
depth to the subchondral bone, without provoking
damaged to the subchondral plate or bleeding. The
periosteum flap is harvested from the proximal medial
tibia and care is taken to harvest a very thin periosteum
without any remaining fibrous tissue. The periosteum flap
is sutured over the defect and fibrin glue is used as sealing,
and the chondrocyte solution is injected under the flap.
Today, most surgeons use a collagen membrane instead of
the periosteum flap. (110) Carticel (Genzyme) is the only
FDA approved ACI in the US and ChondroSelect (TiGenix)

was the first cell-based product approved in Europe.
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Figure 12. ACI with peropsteal flap, the first autologous chondrocyte

implantation technique preocedure invented by Brittberg et al. (89)
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Tissue Engineering techniques

Tissue Engineering solutions try to find solutions to
restore the function of damaged tissue with cells,
materials and biological factors. The objective is to
regenerate a repair tissue with similar characteristics as
the native healthy tissue. Langer and Vacanti started the
field of tissue engineering by defining the concept TE as an
interdisciplinary field of biology and engineering
principles that provides functional solutions for repair

damaged tissue. (111)

Figure 13. Classical illustration from Langer and Vacanti describing the
principles of tissue engineering. (111)
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It is state of art that TE uses at least one of three
components: three-dimensional porous scaffolds, cells and
signalling factors (Figure 13). The scaffold will in many
ways resemble the biphasic structure of natural cartilage
with a solid part consisting of polymeric material and
newly synthesized tissue, and a fluid part consisting of
water and water-soluble substances. It is also commonly
accepted that the scaffold should be designed to offer an
adequate biomechanical environment for cells and newly
formed tissue. The scaffold must sustain initial loads in the
tissue and protect cells from excessive forces, i.e.
diminishes differences in stress-strain response with
respect to neighboring tissue. (112) It is at the same time
important that the scaffold permits transmitting
appropriate mechanical signals to cells. Cells communicate
by mechanotransduction that translates mechanical
stimuli to stimulate extra-cellular matrix production.
(113) The amount of GAGs produced is directly
proportional to the kind of load applied: Static
compression of cartilage explants decreases ECM
production, while dynamic compression of scaffolds
increases ECM production. This effect depends of many
parameters, such as strain or frequency. (114) (115) (116)
Porosity of the scaffold is important for cell-seeding and

ingrowth, and for transport of nutrients and waste
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products. Many experimental studies have explored the in
vitro and in vivo behavior of porous scaffolds. (112) (117)
(118) (119) Chondrocyte metabolism is dependent on
fluid flow, and fluid flow in turn depends on the
permeability of scaffold and tissue. (120) It is clear that
scaffold porosity, permeability and mechanical strength
are important parameters when designing new scaffold
structures. Three dimensional scaffolds are often both
macro and micro-porous, and the porosity can be
optimized to obtain unique mechanical and physical
scaffold properties. (121) (122) (123) Micro-porosity is
seen to have a limited role in scaffold permeability, why
further studies were suggested to evaluate the
relationship between porosity, permeability and
trabecular interconnectivity. (124) Mechanical properties
of the scaffold thus depend on the material, porosity and
not to forget, physiologic fluid and cells filling the pores.
When characterizing scaffolds for TE it is important to
remember that the scaffold does not sustain all the stress
alone; in vivo the pore structure is being filled
progressively with a tissue that contributes to the
mechanical performance of the implant. The mechanical
behaviour in vivo is difficult to predict and it is not always
possible to measure mechanical properties after sacrifice
in animal models. Few studies try to identify cartilage
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regeneration with time in porous implants. A bioestable
poly(ethyl acrylate-co-hydroxyethyl acrylate) copolymer
scaffold was implanted in a full-depth chondral defect with
abrasion of the subchondral bone to provoke bleeding.
(125) Morphological evolution of cartilage repair was
studied at different times after implantation. After one
week of implantation a neo-tissue growth was observed in
the deepest zone of the scaffold pores, and spread up

through the scaffold with time.
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Figure 14. Principles for autologous matrix induced chondrogenesis,

AMIC. A collagen scaffold is placed into a microfracture in a full-
thickness cartilage defect. (126)

Native chondrocytes at the edge of the defect started to
proliferate after one week and after one month the edges

had grown into the scaffold. After three months the
66



scaffold were filled with cartilaginous tissue and with
bony tissue in adjacent subchondral bone. The scaffold
was implanted with and without allogenic chondrocytes
and results were similar for both implants. After one year
the implant were completely covered with a cartilaginous
tissue. On the contrary, controls without scaffold showed a
fibrous repair tissue. The results show that the scaffolds
fulfill an important role as transmitting mechanical stress-

signal to the cells.

Some current TE strategies combine microfracture
surgery technique with scaffolds (Figure 14), hyaluronic
acid, growth factors or cytokine modulation. (127)
Scaffolds can be of synthetic or natural origin and made
micro and macro-porous and have tailored mechanical
and biological properties. Hyaluronic acid fleece and
cultivated cells were pioneers in the TE strategies. (128)
There exist numerous attempts and reports of natural or
synthetic scaffolds in combination with cells and/or
growth factors in vitro and in vivo but the overall issue is
an fibro-cartilaginous tissue generated, that has less
mechanical properties than native hyaline -cartilage.
Investigation focus on cell-based techniques, using
autologous cells, stem cells, and osteochondral/chondral

grafts and/or bioactive factors. Many scaffolds are
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biphasic constructs, composed of collagen, polymers,
chitosan, fibrin, hydrogels etc., many used in combination
with microfracture. In continuation some of the
commercial available biomaterials will be listed, without
pretending to be exhaustive. Chondro-Gide (Geistlich
Pharma AG), is a high-strength resorbable bilayered Type
[/I1I porcine collagen membrane, which forms a clot over a
microfracture site capturing growth factors and stem cells.
Results after two years clinical studies are promising with
good outcome. (129) BST-Cargel (Piramal Life Science) is a
chitosan-glycerol phosphate scaffold that causes blood
coagulation when mixed with autologous blood and placed
within a cartilage lesion. Clinical trials have shown
improved lesion filling and superior repair tissue, in
comparison to microfracture. (130) (131) BioCartilage
(Arthrex) is a dehydrated micronized allogenic cartilage
scaffold implanted over a microfracture together with
platelet rich plasma, PRP. PRP has shown to potentiate the
cartilage repair process. (132) GelrinC (Regentis) is a
Poly(Ethylene Glycol) hydrogel that can be synthesized
with different protein constituents, such as albumin,
fibrinogen and gelatin. The hydrogel crosslinks in situ and
forms a semi-solid clot by exposure to UV light. The
hydrogels show a reduced foreign body reaction. (133)

CellCoTec have invented a cell-scaffold-processor for a
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porous Poly(Ethylene Oxide)
Terephthalate/Poly(Butylene Terephthalate) scaffold.
Bone marrow is extracted from the patient, the scaffold is
seeded with cells in the processor and the seeded scaffold
will be implanted over a cartilage defect, carved down to
the subchondral bone. Results from in vivo studies show a
fibrocartilaginous surface repair with proteoglycan-rich
domains and subchondral cancellous bone formation.
(134) MaioRegen (Finceramica) is a tri-layered scaffold
with a surface of collagen type I and a lower layer of
magnesium-enriched hydroxyapatite. The middle layer is a
mix of the three components. Results from clinical trials
show good integration with adjacent tissue and normal
knee function after one year. (135) Agili-C (CartiHeal) is a
cell-free osteochondral implant of aragonite, the crystal
form of calcium carbonate, and hyaluronic acid that show
promising results. (136) TruFit CB™ (Smith & Nephew,
USA) is a osteochondral scaffold with a Poly(Lactic-co-
Glycolic Acid)/Poly(Glycolic Acid) chondral part and a
calcium sulfate part for the bone. The scaffold has shown
early promising results but suffers the disadvantage, as
most osteochondral implants, of extended subchondral

bone alterations. (137)
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Tissue Engineering Future Challenges

Even though many scaffolds are tested in clinical trials, the
key for hyaline cartilage repair is yet to be discovered.
Most implants suffer from long-term failure or have
similar results as microfracture or ACI controls. The
successful scaffold will improve tissue regeneration and
most importantly, improve patient life quality after
operation. The perfect scaffold should also be user
friendly, as surgeons want an easily implanted device.
Preferably the operative steps and procedures should be
diminished, to reduce operation time and number of
interventions. Costs must be reduced, since joint
operations are relatively expensive and only implants that
are economically competitive will be able to enter public
health care. All these factors must be taken in to account
when designing, fabricating and manufacturing scaffolds

for clinical trials to be commercialized.

So, why are current TE strategies not working today? As
mentioned, the regenerated tissue is mainly fibro-
cartilaginous with less mechanical properties which
degrades with time. Hyaline cartilage is not easy to
regenerate and the answer may be in the type of cell used,

kind of implant or even in the growth factors and signal
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factors used for cell differentiation. Without doubt, there
are still many questions to still answer. Chondrogenesis is
still not totally understood, and maybe revealing all
pathways of chondrogenic differentiation will be the key
to understand tissue regeneration and even the onset
mechanism of Osteoarthritis. As described in the previous
section, there are many different kind of scaffolds
available on the market. Generally, they can be divided
into porous implants or injectable hydrogels placed above
a microfracture surgey, or used in combination with ACL
This thesis focuses on the mechanical properties of
scaffolds, believing that the right mechanical load during
tissue regeneration is the key for specific cell
differentiation. This study also emphasis the importance of
the subchondral bone in the repair process. Injectable
hydrogels are attractive since they offer an easily
manipulated solution. The polymer solution, with or
without previously seeded chondrocytes or autologous
bMSC, is injected above the cartilage defect that can be a
microfracture or chondral defect. The solution is
crosslinked in situ and forming a hydrogel with cells
inside. (138) (133) (139) (140) The defect can be of any
size and shape, facilitating the surgeons work. However, a
concern is the low mechanical properties of the hydrogel.
During cell differentiation the mechanical load is crucial

71



Introduction

and if the load is excessive, in comparison to adjacent
tissue, a fibrous tissue is liked to be formed. This is also
the case of microfracture surgery, where the blood clot
forms a kind of hydrogel for the bMSC. The porous
scaffolds used, either of synthetic or natural polymers,
suffers a distinct problematic. The scaffold may have
better mechanical properties, but must at the same time
be able to transmit the right mechanical load to the cells
for mechanotransduction. Tissue ingrowth and cell
attachment may also be a issue, why some scaffolds are
pre-seeded or functionalized with proteins or growth
factors. (132) (141) (133) (142) All scaffolds and
hydrogels involving cells require two surgeries and time
consuming cell harvest, seeding and implantation steps. If
the results are not outstanding, it is difficult to convince
surgeons and also investors about proceeding with the
manufacturing of these implants. The scaffold must also fit
the cartilage defect and be maintained in site. Most
membranes are cut according to previous MRI or
arthroscopic examination, and fixed with a suture or flap.
(143) All these steps are time consuming and not very
convenient. Some scaffolds focus on a press-fit technique
with biodegradable anchoring system, but perforate the
subchondral bone to a high extend. This is shown to

influence tissue integration and repair negatively. This
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may also be the problem with osteochondral implants. By
making a bigger lesion involving the subchondral bone,
bad restoration of subchondral bone plate and tissue is

seen. (137) (144)

Alteration of the subchondral bone, with cyst formation
and other consequences is a common problem observed
after microfracture and other subchondral bone
intervention surgeries. The awareness of the importance
of the role of subchondral bone in pathologic processes
after tissue engineering techniques is recently increasing.
It is seen that alterations of subchondral bone has
important consequences for the healing process over time.
The subchondral bone is starting to be seen as part of the
repair tissue, and the articular cartilage and supporting
bone should be considered a connected osteochondral
specimen. (145) (146) The clinical treatment options
offered should be focused on restoring not only just the
articular cartilage surface, but the entire joint. Alterations
caused by biomechanical failure or other OA progression
affects the cartilage and the surrounding tissue, thereof
also the subchondral bone. Clinical studies have shown
subchondral alterations in 30% of patients treated with
microfracture. The alterations are seen as formation of

subchondral cysts, intralesional osteophytes and
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thickening of the subchondral bone. (146) (147) If ACI
treatment cause alterations of the subchondral bone is not
that clear, according to different studies. On one hand, if
the repair tissue generated has lower mechanical
properties than the adjacent tissue, the load may be de-
equilibrated and affect the subchondral bone negatively.
On the other hand, since the ACI do not perforate the
subchondral bone, less alterations are expected. During
articular cartilage wear, the tidemark progressively
advance up and thinner the articular surface, and thicker
the underlying subchondral plate. The viscoelastic
cartilage gets thinner and the subchondral plate gets
stiffer in the same rhythm, making it more susceptible to

compression load and shear forces.
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Figure 15. Illustration of subchondral bone alterations. a) normal joint
b) progressively upward advance of the subchondral bone plate, leading
to thinner articular cartilage c) formation of focal intralesional
osteophytes, seen as newly formed bone apical to the original line d)
formation of subchondral bone cysts e) impairment of the subchondral
bone architecture, and reduced trabecular thickness and overall

decreased bone volume. (145)
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In a MRI analysis of patients treated with a combination of
hyaluronic acid and ACI, 50% of the patients do show
altered subchondral bone, seen as edema, granulation
tissue, cyst formation and sclerosis. (148) It is becoming
overwhelming clear that clinical solutions must consider
the osteochondral joint as one unit, tightly associated in
the repair process. Moreover, it can be hypothesized that
alterations of the subchondral bone is the reason for
negative clinical outcomes in chronic defects and
treatments where microfracture previously been the
treatment choice. (149) (150) (97) Figure 15 show some
of the alterations that can be seen in the subchondral

bone. (145)

Previous studies

This research group has previously studied and
characterized porous scaffolds, of PCL and other materials.
(151) (117) (122) (152) (153) (154) (155) (125) (142)
(121) PCL is a semicrystalline polyester with slow
degradability, why it is suitable for long time cell culture in
vitro before implantation. The scaffold will maintain the
integrity and mechanical properties throughout the
cultivation and the implantation. PCL scaffolds have been

fabricated with different techniques, from macro porous
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to double pore architecture. Macro porous PCL scaffold
was fabricated by a template technique in previous
studies. The template was prepared from polymer
microspheres, compressed under high temperature. The
porosity of the template can be adjusted with the grade of
compression. Melted PCL was then injected into the
template, and after microsphere leaching a macro porous
scaffold was formed. During culture, chondrocytes
efficiently maintained their differentiated phenotype and
synthesized cartilage specific ECM matrix. The scaffold
maintained the mechanical properties and structure.
(156) This PCL scaffold was later implanted in a rabbit
model, pre-seeded with allogenic chondrocytes, and
showed good cellular and ECM molecule distribution. The
scaffold was filled with repair tissue after three months
and the scaffold maintained the mechanical integrity after
implantation. (152) Macro and micro-porous PCL scaffolds
were fabricated with a combined freeze extraction and
particle leaching method, used to produce the PCL
scaffolds in this thesis. It was shown that PCL scaffolds
with hydroxyapatite covering give a hybrid interconnected
organic-inorganic structure and enhanced bioactivity.
(123) In yet another study it was seen that osteogenic
differentiation was higher in pure PCL, with macro and
micro-porosity, scaffolds, compared to PCL-Ha or PCL-Bio
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active glass composites. (151) Macro and micro porous
PCL scaffold have been coated with hyaluronic acid, for
different coating and fabrication conditions. Cell cultures
have been carried out, showing chondrocyte proliferation
and ECM production. (155) PCL porous scaffolds was
prepared with hyaluronic acid and used in a rabbit model
to asses chondrogenic differentiation. It was established
that mesenchymal stem cells from the bone marrow,
arriving through the microfracture, preferred a more
hydrophilic and biomimetic environment. (154) There are
unpublished studies on the PCL scaffold produced by
freeze extraction and particle leaching regarding the
effects of hypoxia on chondrocytes, cultivation in
bioreactor and cultivated with a co-culture of

mesenchymal stem cells and chondrocytes.

A biomedical implant device

Due to this research group previously reported favorable
results for porous PCL scaffolds, this thesis is focused on
PCL as scaffolding material. One of the thesis task was to
adapt an patented biomedical implant, to animal studies.
The patent is called “Fixation device for a macro-porous
material for the regeneration of articular cartilage” and

has patent number EP201131625 PCT/W02013/178852.
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The implant device is composed by a synthetic and
biocompatible macro-porous material with a subchondral
bone fixation unit. The system allows the implantation in

chondral defects and consists of three units:

* A macro-porous biocompatible sponge with
articular cartilage regeneration properties.

* A subchondral bone anchoring system.

* A part that connects the chondral sponge with the

subchondral bone anchoring unit.

In this thesis, PCL is chosen as biomaterial and the sponge
will be synthesized by freeze extraction and particle
leaching process. The subchondral bone anchoring part is
chosen to be a Poly(lactic acid) commercial pin. The
original implant is designed for human cartilage with a
thickness of approximately 3 mm, which allows a third
polymeric part to fix the sponge and the anchodring
system. In this thesis the implant is adapted for animal
studies with a thin cartilage surface, which does not allow
more than a porous sponge in the chondral defect.
Therefore, the PCL scaffold and PLLA pin will be fixed

together in the synthesizing process.

The implant device permits cartilage regeneration by

allowing an anchoring system to the subchondral bone,
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without damaging the porous sponge in the chondral
defect (Figure 16). The sponge is made of a porous
biomaterial and to avoid damaging the porous structure, a
polymeric membrane will be attached to the sponge and
the subchondral anchoring part. The polymeric membrane
will allow the device to be implanted in a chondral defect
without affecting the porous material. The polymeric
membrane is originally a ring-shaped perforated PCL
membrane, attached in the sponge, and can be reached
from the top of the implant to facilitate the implantation.
The device will be placed over a microfracture defect, and
that is why the PCL ring is perforated. After macrofracture,
bMSC will invade the porous sponge and be guided to
chondrogenic differentiation. The scaffold will be
implanted without previously cell-seeding and only
employ the patients own bMSC by the microfracture
surgery. It is important that the fixation device allow the
flow of stem cells, and let them pass the PCL ring
throughout the porous sponge. In this thesis the implant
will be modified to allow animal trials, and adapted to a
thinner cartilage surface. In animals the articular cartilage
is approximately 1 mm thick, and that is only just about to
cover a PCL sponge. Chapter seven will describe the design
of the modified implants, and the results after two animal
studies.
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Figure 16. Patent EP201131625 PCT/W02013/178852, consisting of a
porous sponge, a biocompatible anchoring system and a porous

membrane.(157)

Experimental techniques to evaluate scaffold efficiency

It is hard to experimentally evaluate the mechanical
efficiency of porous scaffolds in vitro. It is complicated for
several reasons: The scaffold itself is not representative
for the in vivo situation. In a chondral defect, the scaffold
will be filled with cells and ECM molecules and fluid, which
together with the scaffold will give a different mechanical
response than the scaffold itself. Hence, a porous scaffold
tested in water filled or dry conditions do not resemble
the actual physiological environment. This is important
since water flow have great influence of mechanical

outcome, which will be shown in this study. The current
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solution is normally to fill the scaffold with chondrocytes
and GAGs or collagen fibers to simulate the ECM of
cartilage. Bioreactors are used to simulate physiologic
conditions. The problem with this is, that cells and ECM
molecules are only just representing the initial state of
implantation. Once the cells grow and produce ECM the
tissue will harden and mechanically change with time. It is
also complicated to use living cells for longer experiments
as fatigue test. Since tissue constitution change with time,
water flow through the tissue is not as simple anymore.
There is not enough information how tissue density inside
scaffolds influence the mechanical outcome of the implant,
and to what parameters this is due. It is not clear what role
water permeability plays, and to which extend the
hydrogel like tissue inside the scaffolds pore influence the
mechanical outcome. This thesis focuses on finding an
experimental model that simulates the in vivo situation of
an implanted porous scaffold. A micro and macro porous
Polycaprolactone, PCL, is designed and characterized and
Poly(Vinyl Alcohol) is chosen as tissue mimic. Poly(Vinyl
alcohol), PVA, in aqueous solution exhibit the special
characteristic of crosslink with repeating cycles of freezing
and thawing. (158) By filling the PCL scaffold with the PVA
solution, and subject the construct to different numbers of

freezing and thawing cycles, interesting features will be
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seen. This gives a usable tool to characterize porous
scaffolds in vitro, and predict the mechanical outcome
with time from implantation to tissue ingrowth. The
experimental model has also been applied on a macro
porous scaffold system made of a copolymer of Ethyl
Acrylate and Hydroxyethyl Acrylate, with different grade

of crosslinking density.

Poly(Vinyl Alcohol)

Poly(Vinyl Alcohol), PVA, is a water soluble polymer
synthetized from polymerization of Vinyl Acetate to Poly
(Vinyl Acetate) followed by hydrolysis to Poly(Vinyl
Alcohol). The degree of polymerization and hydrolysis
affects chemical properties, water solubility and
crystallization of PVA. High degree of hydrolysis or higher
degree of acetate groups remaining in the polymer affects
the thermodynamic properties of PVA. (159) PVA
hydrogels can be crosslinked by chemical agents (139),
electron beam or y-irradiation (160), but these processes
leave residual amount of toxic crosslinking agents or form
bubbles in the produced hydrogel. One way of avoiding
this is to produce PVA hydrogels by freezing and thawing,
f/t, of aqueous PVA solutions. (161) The resulting

hydrogel is proposed by other authors as a cartilage
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substitute due to its high equilibrium water content (80-
90%), swelling capacities and good mechanical properties.
(162) (163) Furthermore the PVA hydrogels are used as
medical devices, due to the biocompatibility, chemical
resistance and low environmental impact. PVA has been
used as soft contact lenses, eye drops, embolization

particles and artificial cartilage and meniscus. (164) (165)

PVA hydrogels by freezing and thawing

Peppas first produced stable hydrogels from aqueous
solutions of PVA (Figure 17). He found that the amount of
transmitted light through the PVA hydrogels depended on
molecular weight, polymer concentration, and time and
number of repeating cycles of freezing and thawing. (166)
By repeating the amount of f/t cycles the stability of the
crystallites increases, i.e. degree of crystallinity increased.
(167) Other authors have performed X-ray micrographs
and have noticed an increase of the crystalline reflection
with number of f/t cycles. (168) Crystallinity, just as
melting temperature, also depend on degree of hydrolysis,
since residual acetate groups weaken hydrogen bonding of

hydroxyl groups and occupy more space.
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Figure 17. The 3D network of the PVA membranes produced by freezing
and thawing by Hickey and Peppas.(167)

Why exactly the hydrogel is formed, is a debated theme
and 3 basic theories exist. Some authors believe that
network formation is due to hydrogen bonding (169),
others claim that it is due to a spinodial decomposition
process which results in a polymer rich and a polymer
poor phase. (170) (171) Others believe the gelation is due
to the organization of network chains into crystallites.
(172) (166) There are also theories defending that the
phenomena could be connected, (173) explaining the
spinodal decomposition as a necessary and at the same
time sufficient condition for sol-gel transition. (174) The
system would initially be gelled by hydrogen bonding and
later network chains would organize into crystallites.
Spinodal decomposition results in the development of a
polymer rich and a polymer poor region in a fast process.
Then, gelation would occur in the polymer rich region, by
hydrogen bonding and then crystallite formation. (174)

Considering the PVA hydrogel divided in polymer rich and
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polymer poor (ice crystals) phases the repeated cycles of
freezing are seen as recrystallization. The polymer rich
phase is treated as impurities and will be rejected from the
growing ice crystals during freezing. The concentration of
polymer in the polymer rich phase will then increase for
each cycle of freezing, and the concentration of polymer in
the polymer poor phase will decrease and thus create the
porous structure. The polymer chains in the polymer rich
phase can then hydrogen bond and form a hydrogel. (168)
By lowering the concentration of polymer the ice crystals
will easier exclude the polymer rich phase and create a
larger crystal, and consequently larger pore. PVA
hydrogels produced by f/t then consists of three phases: a
water phase with low polymer concentration (that will
form the ice crystals when freezing and form the pores),
an amorphous polymer phase where all PVA chains are
associated to water molecules, and a crystalline PVA phase
that restrain the mobility of the amorphous chains (Figure

18). (168)
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Figure 18. The different phases of PVA hydrogel. Pores are formed by ice
crystals and the black circles represent PVA crystallites in a mesh of

amorphous PVA chains.(168)

The PVA crystallites

Differential Scanning Calorimetric analyses have been
performed on PVA hydrogels obtained by cycles of f/t
(Figure 19 and 20). (175) The hydrogels are not dissolving
in polar or nonpolar solvents. For none or two cycles of f/t
crystalline melting point was seen around 80 °C (176) and
for twelve cycles f/t the crystalline melting point was
observed at 220°C. (175) Glass transition temperature, Tg,
was detected as heat peaks in Differential Scanning
Calorimetry, DSC, scans or as a decrease in modulus in
Dynamic Mechanical Assays, at 45-75 ° C for four to ten
cycles of f/t, with a strong decrease in the presence of

water. (175) (177) (178) Most authors however do not
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detect a glass transition, as the samples contain water and
the evaporation peak of residual water hides all other
possible peaks. Crystalline melting point increases with
increasing cycles f/t due to increased amount of
crystallites. The glass transition temperature increases
slightly with increasing cycles f/t, probably due to that the
crystalline formation hinders other hydrogen bonding,

and thus strengthen the physical network. (158) (176)
(179) (173)
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Figure 19. DSC scans of PVA 0 cycles f/t (dashed line) and 2 cycles f/t
(solid line). The endothermic peak at 60°C is due to the disentanglement

of amorphous polymer chains and the peak at 80°C is caused by melting

of crystallites. (176)
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Figure 20. DSC scans of PVA hydrogels with 4,6 and 13 cycles f/t. A glass
transition temperature is seen from 66 to 70 °C and crystalline melting

point at 217-220°C. (175)

The crystalline fraction on dry basis was calculated from
DSC scans and reached levels as high as 56% for 10-20%
polymer solution and ten cycles of freezing and thawing.
The crystalline fraction of the hydrogel at swollen basis
was calculated by dividing the value obtained for
crystallinity divided with the swelling ratio, and varied
from 0.052 to 0.116. (167) Crystallites in PVA are
described as a double layer of molecules held together
with hydroxyl bonds and weaker van der Waals forces
(Figure 21). A folded chain structure of the PVA leads to
small ordered regions, crystallites, in unordered

amorphous zones. (180) (181) (182)
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Figure 21. The PVA crystal from X ray crystallography. The dotted lines
represent hydrogen bonds. (183)

Hydroxyl groups of PVA are placed randomly in left and
right hand position in a layered structure. The double
layer of molecules is held together by hydroxyl bonds and
weaker van der Waals forces acting between one double
layer and another. (183). The grade of hydrolysis
influences the crystallization of PVA, since acetyl groups
provide increased bulkiness and low water resistance,
which prevents the growth and propagation of the PVA
crystallites in water environment, slowing down the

gelation process.
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Morphology and pore size

Morphology of PVA hydrogels after different number of f/t
cycles has been examined by Scanning Electron
Microscopy, SEM. After three cycles of freezing and
thawing a micro-porous structure was seen with pore size
of around 1 um. (168) The porous structure of PVA seen in
SEM is believed to arise from the cycles of freezing and
thawing. Traces of ice crystal growth are left as pores in
the gel and observed as a porous structure in SEM.
Furthermore the pores are linked linearly together along
the normal direction to the freezer plate. It is therefore
believed that under freezing, the ice crystals grow along
the direction of the temperature gradient. PVA rich phase
are segregated around ice crystals and the hydrogel
forming process proceeds in the segregated solution
phases, forming the continuous porous polymer skeleton.
(168) Regarding pore size change with cycles of f/t, some
authors report no change and other authors an increase in
pore size with increasing cycles of f/t, believed to be
caused by crystal growth of ice. Each time the gel is frozen
it is a refinement process of the ice crystals. (184)
However, the pore size is reported to increase for
decreased polymer concentration, 5% PVA solutions

showed pore size of 10 um. The PVA is rejected from the
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ice as impurity and for each cycle of freezing and thawing
the polymer rich and polymer poor regions increase in

their purity, resulting in a pore size increase. (185)

Water in the hydrogel

DSC studies by other authors show that a considerable
amount of water interacts with the polymer chains in PVA
hydrogels. Water in hydrogels from f/t cycles can be
classified in three groups: water that crystallize at the
same temperature as normal water (called free water) and
water crystallizing at lower temperatures (called
restrained or bound water) and water left when resting
from the enthalpy of total water (called non freezing
water). The non freezing water was shown constant,
whereas the bound water and free water were related
with the thermal history produced by the cycles of
freezing and thawing. Moreover, bound water had a clear
relationship with the thermal stability of the gel. Non
freezing water in the aqueous solution of PVA were tightly
associated with the hydroxyl groups of the polymer.
During freezing the molecular motion of PVA cease and at
the same time sections of the polymer chain hydrogen
bond and serves as crosslinks. According to this, when

freezing the aqueous PVA solution, crystallization of water
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occurs and simultaneous hydrogen bonding to
neighboring polymer molecules. Ice crystals grow to
different sizes, allowing PVA molecules to rearrange and
separate from each other. After thawing, the crosslinked
molecules can hold a certain amount of water, which
structure is different from free water, based on
crystallization peaks in the DSC scans. The thermal history
affects the size of the ice crystal and also the content of

bound water. (186) (187) (188)

Solubility

Swelling behavior of PVA hydrogels was evaluated after
three, five and seven cycles of f/t. (189) In all cases the
swelling ratio increased with time until eventually
constant volume. The gels with less cycles of f/t swelled
more than for the gels with higher number of f/t cycles. It
was seen an initial rapid swelling and a consequent
decrease after 10-30 hours. This is believed to be loss of
crystallinity or chain dissolution. After the initial loss of
polymer chain the gels maintained stable for over two
months. Others investigated the swelling of PVA hydrogels
with different grade of hydrolysis and found that the
higher degree of hydrolysis, i.e. more residual acetate

groups, lower the swelling ratio. The hydrophobic acetate
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groups weaken the intra and inter molecular hydrogen

bonding and make the gel swell more. (176)

Mechanical properties

The hydrogels of PVA made by repeating cycles of f/t have
good mechanical properties. The modulus is a function of
number of f/t cycles, due to the increase density and chain
entanglement, (190) (162) (173) and the modulus also
increase with polymer concentration. (174) (188) The
mechanical properties are dependent on the temperature
of the hydrogels. For increasing temperature the modulus
decreases, probably due to melting of crystalline regions.
The dynamic viscosity was measured for the hydrogels
and a decrease in viscosity for increasing cycles of f/t was
observed, implicating that the gel is not fully developed
after only one cycle. (179) (176)

Polycaprolactone

Polycaprolactone, PCL, is a semicrystalline biodegradable
polyester with a glass transition temperature of -60 °C and
a melting temperature at 60 °C. At room temperature, or
body temperature, the semicristalline structure of PCL
results in a rubbery tough material. PCL can be degraded

both enzymatically and hydrolytic under physiological
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conditions. By hydrolysis in water or in PBS the PCL
reached a weight loss of 20% in 60 weeks. The enzymatic
degradation in Pseudomonas Lipase reached 20% weight
loss after 14 weeks. (191) PCL is subjected to hydrolytic
degradation due to the susceptibility of its aliphatic ester
linkage to hydrolysis. The five C-Hz groups make the
polymer hydrophobic. Different fabrication methods have
been used to fabricate scaffolds of PCL. Solvent casting is
used to produce PCL films and the surface properties
depend on the solvent used. (192) The film is produced by
casting a polymer solution on a cold or heated surface and
further removal of the solvent. This method has been used
to produce PCL film, (192) blends with PLA (193) and
nanocomposite scaffolds. (194) (195) (123) (151) (122)
Blends of PCL with Poly(Ethylene Glycol), PEG, have been
used to fabricate scaffolds by leaching out the water
soluble PEG. (196) The solvent casting method is also used
in combination with porogen leaching to create porous
scaffolds. A polymer solution is cast onto a porogen bed
and as the solvent is evaporated the polymer becomes
solid around the porogen particles. The porogen can be
leached out of a non solvent to the polymer, creating pores
in variable size. Interconnected porous PCL scaffolds have
also been fabricated by combining solvent casting, particle
leaching and polymer leaching with sodium chloride and
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PEG spheres. The results are highly interconnected three
dimensional scaffolds. (197)

Thermally induced phase separation is a common method
for producing porous scaffolds. (198) The polymer
solution is lowered to induce phase separation which can
be liquid-liquid, which creates polymer poor and polymer
rich phases. The pores in the scaffold are formed by
growth of polymer poor phase. If the temperature is
lowered enough to freeze the solvent, a solid-liquid phase
separation would occur. The PCL can be dissolved in
dioxane and frozen with liquid nitrogen. The frozen
solution is then immersed in a non solvent to the polymer
and frozen solvent can be removed and leave pores in the
scaffold. The polymer itself is not dissolved, since the
temperature is lower than the freezing point of the
polymer. The polymer then remains frozen during the
exchange of solvent and non solvent to the polymer. Since
the polymer remains in solid phase it maintains its
structure during the particle leaching. The non solvent
should therefore have a freezing point lower than that of
the polymer solution to be in liquid state during the
process. PCL scaffolds are produced by immersing the
frozen polymer solution in cold ethanol. Freezing point of

dioxane is around 11° C. Ethanol freezes at -117° C and
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used as non solvent to the PCL. Dioxane is interchanged
with the cold ethanol and creating micro pores in the
scaffold, from residual frozen solvent. The scaffolds can
also be made macro porous by mixing the PCL solution
with polymer microspheres before the freezing step. The
microspheres are not dissolved by cold ethanol and an
intact structure remains. By increasing the temperature of
ethanol after freeze extraction the microspheres can be
dissolved since they are soluble in the solvent at higher
temperatures. The polymer concentration, the solvent or
the cooling rate can be changed to tailor morphology and

characteristics of the scaffold. (121) (117) (199) (200)

Copolymer networks of Ethyl Acrylate and 2-
Hydroxyethyl Acrylate with varying crosslinking density

Poly(ethyl Acrylate), PEA, is a hydrophobic biocompatible
polymer and random copolymer networks with varying
hydrophilic ratios can be made by copolymerizing Ethyl
Acrylate with 2-Hydroxylethyl Acrylate. The resulting
random copolymer network is a biostable and
biocompatible polymer. Biostable scaffolds, just as
biodegradable implants, should induce tissue integration
and promote cell growth and differentiation. The concept
biostable means that the scaffold resists physical and

chemical degradation in vivo. Nevertheless, most polymers
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that are classified as biostable degrade after long time in
vivo, due to the harsh physiological environment. (201)
The biological response of different cell types cultured on
PEA supports has been studied. Favourable result is seen
both in monolayer and in three dimensions, for human
umbilical vein endothelial cells, conjuntival epithelial cells,
fibroblasts, chondrocytes and osteoblasts. (202) (202)
(203) (204) In particular it has been shown that PEA
membranes are able to induce fibronectin fibrillogenesis
in absence of cells, influencing cell adhesion, ECM
organization and degradation, and cell differentiation
(205) (206) (207). In this thesis study, a random
copolymer network has been synthesized of ethyl acrylate,
EA, and hydroxyethyl acrylate, HEA, weight proportion
90:10, with varying amount of crosslinking agent Ethylene
Glycol Dimethacrylate, EGDMA. By varying the amount of
crosslinking agent the three dimensional structure and
mechanical properties of the scaffold can be tailored. By
copolymerizing EA with HEA, a hydrophilic component is
incorporated in the polymeric network. A certain grade of
hydrophilicity is required for cell-seeding. (208) (209) In a
recent study (125), a P(EA-HEA) scaffold has been used
for cartilage regeneration in a rabbit model, showing that
the scaffold guided cartilaginous tissue growth in vivo. PEA

and P(EA-HEA) macroporous scaffolds have been
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proposed for the anchoring ring of the cornea prosthesis

(142)

99



Materials and Methods

Chapter 2: Materials and Methods

PCL Scaffold preparation

Macro and micro-porous Polycaprolactone scaffolds were
prepared by a freeze extraction and particle leaching
process. (117) (121) (122) PCL, average molecular weight
80 000 Da, Mw/Mn <2, was obtained from Sigma Aldrich
(Spain). Microspheres of Elvacite 2043, a mixture of low
weight Poly (Ethyl Methacrylate), PEMA, and Poly(Methyl
Methacrylate), PMMA, with diameters ranging from 120 to
200 um were purchased from Lucite International (USA).
1,4 Dioxane from Sigma Aldrich (Spain) was used as
solvent for PCL, and ethanol, EtOH, (99% pure from
Scharlab, Spain) was used to dissolve the dioxane and
PEMA/PMMA in the freeze extraction and particle leaching
process. Poly(Vinyl Alcohol), average Mw 130 000 Da, 99+
% hydrolyzed was purchased from Sigma Aldrich (Spain).
All the chemicals were used as received and with no

further modification.

Solutions in 1,4 dioxane with different PCL concentrations,
15, 20 and 25 % (w/w) (hereby called PCL 15/20/25%),
were stirred during 24 hours until transparent and

homogeneous solutions were obtained. Scaffolds with
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micro and macro porosity were fabricated by mixing the
different solutions of PCL with PEMA/PMMA spheres in a
weight ratio of 1:1. Each mixture was immediately frozen
with liquid nitrogen. After approximately one minute the
frozen mixture was immersed in precooled ethanol and
kept at -20°C for three days with daily changes of EtOH. To
remove the PEMA/PMMA spheres the scaffolds were
washed in ethanol at 40°C during 8 days, changing the
ethanol twice every day until the ethanol did not show any
leftover traces of PEMA/PMMA. This was tested by letting
some of the ethanol evaporate on a Petridish. When
PEMA/PMMA still is present, a white compound is seen on
the Petridish. The scaffolds were cut with circular stamps
and surgical scalpels of 5 mm diameter and 2 mm height
the second day of the particle leaching. The dimensions off
the sample were measured three times before each
mechanical assay to assure correct measurements. Once
removed all PEMA/PMMA particles the scaffolds were
dried overnight in room temperature and standard
pressure. Then, the scaffolds were dried in continuous

vacuum during one day, or until constant weight.

The scaffolds were immersed in water before the
experiments. The water immersion of the hydrophobic

scaffolds was done by a solvent change ethanol to water.
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To make sure that all the pores were filled with water, the
scaffolds were put in water and subjected to continuous
vacuum extraction. After the vacuum immersion, all
samples were kept in water 24 hours before the PVA filling
or mechanical testing to assure the water penetrated all

pores.

Water immersed and dry PCL scaffolds were tested in
Differential Scanning Calorimetry, DSC, to evaluate any
plasticizing effect on the samples. Heating scans were
performed at 202C/min in a PYRYS-DSC 8000 equipment
(Perkin Elmer) under flowing nitrogen atmosphere
between 902C and 902C in 20 pL aluminum pans for the
dry and water immersed (24 hours) PCL scaffolds. The
excess water was absorbed by filter paper immediately

before introducing the sample in the equipment.

The morphology of the PCL scaffolds was observed by
Scanning Electron Microscope (JEOL JSM-5410, Japan),
SEM. The samples were broken in liquid nitrogen to obtain
the cross-section of the samples, covered with gold and

images were taken at an acceleration voltage of 15 kV.

102



Hydrogel preparation

A 10% aqueous solution of PVA, average molecular weight,
Mw, 130 000 Da and 99+% hydrolyzed (Sigma Aldrich,
Spain), was prepared by continuously stirring at 90°C for 1
hour and then let to cool in room temperature. The
solution was poured into 5 mm diameter wells and frozen
for 12 hours in -20°C and then thawed back to room
temperature in a high humidity chamber for 8 hours. The

freezing and thawing step was repeated one to six times.

The water content in the gels was analyzed and calculated
for six samples after 1, 3 and 6 cycles of freezing and
thawing and overnight immersed in water. The samples
were freeze dried with -80°C condensation and pressure <
100 mbar (Lyoquest, Telstar). The mass before and after
freeze drying was measured and the difference was
considered to be water. A Thermo Gravimetric Analysis
(TGA/StarSystem, Mettler Toledo) to 400°C was done to
evaluate the resting amount of water in the gel. The mass

loss until 180°C was considered to be water.

The crystallinity was calculated from Different Scanning
Calorimetry, DSC, scans. DSC was performed on freeze
dried gels for 0, 1 and 6 cycles of freezing and thawing.

Heating scans in a PYRYS-DSC 8000 equipment (Perkin
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Elmer) were performed at 202C/min between -802C and
280°C. The heating scan was performed under flowing
nitrogen atmosphere in 20 pL aluminum pans. Since the
first heating scans revealed residual amounts of water, a
second scan to 100 °C was made, to then lower the

temperature to -802C and repeat the scan to 2802C.

PCL/ hydrogel construct

The PVA aqueous solution was introduced into the
previously water-immersed PCL scaffolds by vacuum
injection. The scaffold and gel constructs were subjected
to different number of freezing and thawing cycles, under
the same conditions as the pure PVA gels. The
effectiveness of the PVA filling was calculated by porosity
measurements according to equation 2 and confirmed by
cryo-SEM images. The density of the PVA solution was
estimated from a 10% PVA aqueous solution with PVA
density of 1.30 g/cm3. (158) The PCL density was taken
from others study, with the value 1.146 g/cm3. (210) The
volume of the PVA was calculated as the difference in mass
of the filled and empty scaffold divided with the density of
the hydrogel. The volume of the PCL is the weight of the
dry scaffold divided by the density of the PCL.
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The morphology of the PCL/PVA constructs and the pure
PVA hydrogels was observed by Scanning Electron
Microscope (JEOL JSM-5410, Japan) equipped with a
cryogenic device. The hydrogels were frozen at -80°C and
broken to see the cross-section of the samples and then
sublimated for 40 minutes. Then the samples were
covered with gold and images were taken at an

acceleration voltage of 15 kV.
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P(EA-HEA) scaffolds

Scaffold series of P(EA-HEA) were prepared with a
template technique previously reported elsewhere. (211)
(212) (213) Templates were synthetized by the use of
PMMA microspheres (Colacryl DP 300; Lucite
International, UK) with a diameter between 80 and 120
mm. The porogen microspheres were placed in a metal
mold and subjected to successive compressions at 150 2C
in a hot plates press (CUMIX TO-250/20), to obtain the
template in sheet form of approximately 2 millimeters
with a suitable interconnection of porogen particles.
Mixtures of 90 % ethyl acrylate, EA (Scharlau 99%), and
10% hydroxyethyl acrylate, HEA (Aldrich 96%), with 0.5
% Benzoine (Scharlau 98%) and 1, 3 or 5 % of crosslinking
agent Ethylene glycol dimethylacrylate, EGDMA (Aldrich
99%) was prepared. The monomer solution was poured
into the template plates and put into UV Owen 24 hours
for radical polymerization. A 24 hours post polymerization
in 902C was realized to eliminate residual monomers.
Once polymerized the membranes were washed with
three changes of acetone (Fluka 99,9%) for 4 days, 12
hours between each solvent change, in room temperature
during agitation to eliminate the PMMA spheres. To obtain
the porous three dimensional scaffold a acetone-water
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solvent exchange was performed, slowly to avoid pore
collapse. Once obtained the water immersed scaffolds they
were left in water during 24 hours to assure no leftover
traces of acetone. The P(EA-HEA) membranes were cut
into 3 mm diameter and 2 mm high scaffolds with circular
stamps and chirurgical scalpels. The porosity of the
porogen template and the P(EA-HEA) scaffolds (6 replicas
of each sample) was calculates using equation 3 where: M
is the template weight of the PMMA/scaffold, p is the
density of the polymer and t, w and 1 is the height, width
and length of the template (214).

(3

(I)_l_m/p

o txwxl

The density of the P(EA-HEA) scaffolds was determined
through Archimedes principle. The dry sample was
weighed in air and immersed in n-octane. A Mettler AE
240 balance with a sensitivity of 0.01 mg with a Mettler
ME 33360 accessory was used in the measurements as
described in others works (215) (216). The calculated
density for P(EA-HEA) is 1,1363 g/cm3 . The value is 1,19
g/cm3 for the PMMA spheres ( Suppliers value).
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P(EA-HEA)/PVA constructs

PVA aqueous solution was introduced into already water
immersed P(EA-HEA) scaffolds by vacuum injection. The
scaffolds were subjected to a number of successive
freezing and thawing cycles as described for the PVA gels.
The effectiveness of filling was calculated with porosity
calculations based on weight and dimensions of samples
according to equation 2. The density of the PVA solution
was estimated from a 10% PVA aqueous solution with a
pure PVA density of 1.30 g/cm3 (158). The density of
P(EA-HEA) was calculated as described above.

The morphology of P(EA-HEA) scaffolds and the P(EA-
HEA)/PVA construct was observed by Scanning Electron
Microscope (JEOL JSM-5410, Japan) equipped with a
cryogenic device. The hydrogel filled samples were frozen
at -80°C and broken to see the cross-section of the samples
and then sublimated for 40 minutes. The empty scaffolds
were observed in the same equipment without the
cryogenic device. Images were taken at an acceleration

voltage of 15 kV.
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Unconfined compression

Unconfined compression tests were performed to the
different scaffolds to calculate different mechanical
properties. The elastic modulus, the pore collapse and the
stress relaxation behavior was examined. The PCL
scaffolds were tested in water immersed and dry
conditions for different micro porosity, and filled with PVA
hydrogel for 1-6 cycles of freezing and thawing. The PVA
hydrogel it self was tested for 1-6 cycles of f/t. The P(EA-
HEA) scaffold was tested in immersed and dried
conditions for different grade of crosslinking agent and
filled with PVA 6 cycles f/t. Six samples of each group were
tested and one way ANOVA statistical test was done
(p<0.05) and unpaired t-test with Welch correction was
used to evaluate statistical significant differences between
groups. One way ANOVA can compare differences between
more than two groups and the t-test is considered a
special case of the one way ANOVA and can only compare

two groups.

Mechanical characterization of the samples was
performed using a Microtest SCM 3000 95 Universal
testing machine (Spain) with a 15 N load cell. The samples

were exposed to unconfined compression cycles to 15%
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strain at a rate of 1 mm/min, considered to be within the
physiological deformation suffered by natural cartilage
(217) (218) (219), in a custom made device that allows the
samples to be immersed in water during the assay. The
data results of the experiment were used to make a stress-
strain representation. The elastic modulus was calculated
as the slope at 2% of deformation, and the maximum
stress at 15% deformation was used to compare between
samples. Furthermore, a test of total collapse of the
samples was made by using the same equipment and a
compression to maximum 15N, to distinguish the different

zones of the pore collapse.

A stress relaxation test was done in the same equipment
by unconfined compression for 5, 10 and 15% of
displacement. The sample was allowed to relax at those
deformations for two hours (220) (221). A logarithmic
stress-time representation was made to obtain the stress
relaxation behavior of the samples with time. A linearity
test was done by a stress-strain representation and a
linear fit between the points for 1, 10, 100 and 1000

seconds of relaxation (222).
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Fatigue tests

The PCL scaffolds were tested for long-time mechanical
behavior by fatigue tests. The scaffolds were tested in dry
conditions, immersed in water and filled with PVA gel for
6 cycles of f/t. The scaffolds were subjected to 100, 3000,
10,000 and 100,000 cycles of 1 Hz sinusoidal compression
of 15% strain in a Microtest Universal Fatigue machine
with a 1500 N cell. The chosen strain of 15% ensures that
the samples are subjected to a higher compressive fatigue
strain than the samples would suffer inside the human
body, which would be less than 6% strain (30). The
number of cycles has been chosen to compare short-time
with long-time effects inside the scaffolds. The frequency
of 1Hz is chosen to imitate the frequency of a normal
human step (223) After each fatigue time the samples
were measured in a Thermo-Mechanical Assay machine
(TMA) Seiko TMA/SS6000 (Japan), with two successive
programs of loading and unloading to 100 g with a rate of
10 g/min in room temperature. The experiments in the
TMA machine were also made for the samples without
fatigue, serving as control. The compliance of the samples
have been calculated as the inverse slope of the initial
slope of the stress-strain curve obtained in the TMA. The
compliance was calculated since the experiments were
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made in a force-controlled mode. Six samples of each
group were tested and one way ANOVA statistical test was
done (p<0.05) and unpaired t-test with Welch correction
was used to evaluate statistical significant differences

between groups.

Confined compression

The PCL scaffolds were tested in confined compression
test for water immersed conditions and filled with PVA
hydrogel for 6 cycles of f/t. The PVA hydrogels were tested
for 1-6 cycles of f/t. The confined compression tests were
performed in a Microtest SCM 3000 95 Universal testing
machine (Spain) with a custom made device allowing the
sample to be in confined mode during the compression.
The sample was placed in a cylindrical chamber with
impermeable lateral surface, and permeable bottom
surface. The mechanical test consisted of a series of
successive deformations at a constant speed of 1 mm/min,
followed by a relaxation period of 15 min. Five successive
deformations were performed to 2, 4, 8, 12, 16 and 20% of
strain. Equilibrium stress and strain data were measured
at the end of the relaxation time for each strain increment
(224) (225) (40) (226) (227). The uniaxial aggregate

compressive modulus (Hs) was obtained from the linear fit
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of this data. Although the relationship between the
aggregate modulus and strain for large strains is not linear
(228) for strains up to 20% the assumption of linear
behavior can be used (229) (230). The aggregate modulus
is a measure of the compressive resistance of the solid

phase at equilibrium.

According to the linear biphasic theory, stress relaxation
time dependence for large times can be described by a
single-exponential function with a relaxation time, t, given
by equation 4 (40) (227) (231) (121)

hZ

T= (4

m2H g4k

Where h is the sample thickness, Hs is the aggregate
compressive modulus and k is the hydraulic permeability
in the z direction. Therefore, by fitting the stress vs. time
relaxation data to the single-exponential function, the
relaxation time was calculated, and thus, the hydraulic

permeability of the sample.

Six samples of each group were tested and one way
ANOVA statistical test was done (p<0.05) and unpaired t-
test with Welch correction was used to evaluate statistical

significant differences between groups.
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Indentation

Indentation test were performed at the cartilage explants
from the animal trials. For mechanical experiments, the
sheep were sacrificed after 4,5 months and 9 months. Once
the sheep were euthanized the samples were obtained by
dissection of the right knee and exposure of the internal
femoral condyle, by osteotomy with an oscillating saw.
The left knee was also obtained by dissection and at the
same time the internal femoral condyle was obtained, to
use as controls. The samples were sent in sterile PBS
buffer medium with penicillin/streptomycin 1ml/100 ml
PBS with 0.5% azide. The temperature was controlled to 4
°C from explant before mechanical testing. After the
mechanical testing the samples were fixed to be sent to
histology examination. The samples were fixed in formalin
solution 10% neutral buffer for 48 hours. Then the
samples are washed and saved in PBS + azide. For the
indentation test the specimen was cut with oscillating saw
to smaller pieces to fit in the experimental instrument. A
cylindrical rod of 1.025 mm diameter with a flat surface
was used in Thermo-Mechanical Assay machine (TMA)
Seiko TMA/SS6000 (Japan). The experiment was carried
out in immersed conditions and 38 °C under force
controlled mode. The compression program was set to

114



loading ramp of 125 g with velocity 10 g/min and
unloading to 0 g with the same velocity. In the stress-
strain graph plotted from the data obtained, the first
strains are neglected until a positive force slope. For the
calculations Poisson’s coefficient is estimated to 0.4 and
the thickness of the cartilage is estimated from posterior

histology photos. (42) (152)
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Chapter 3: An in vitro experimental model to
predict the mechanical behavior of
macroporous scaffolds implanted in articular
cartilage

This chapter is based on the published article "An in vitro
experimental model to predict the mechanical behavior of
macroporous scaffolds implanted in articular cartilage" in
the Journal of the Mechanical Behavior of Biomedical

Materials Volume 32, Pages 1-352 (April 2014).

This is the first study that describes the experimental
cartilage model proposed in this thesis. The model intent
to assess the mechanical properties of tissue engineering
scaffolds, and predict their performance in vivo during
tissue regeneration. The model is developed on a PCL
scaffold synthesized with freeze extraction and particle
leaching method. The PCL scaffold was made from a
solution of 15% polymer and rate 1:1 with PEMA/PMMA
particles. To simulate the growth of tissue inside the
scaffold pores, the scaffold is swollen with an aqueous
solution of Poly(Vinyl Alcohol) and subjected to repeated
number of cycles of freezing and thawing. In this way the
Poly(Vinyl Alcohol) becomes a gel whose stiffness

increases with the number of freezing and thawing cycles.
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Unconfined compression tests and SEM observations have
been done to characterize the scaffolds. The PCL/PVA
construct was subjected to 1-6 cycles of f/t and
mechanical assays was done for each cycle of f/t. The pure
PVA hydrogels were subjected to 1-6 cycles of f/t and

tested as controls.

Results and Discussion

SEM images show that the PCL scaffold shows a double
interconnected porosity with macro-pores ranging from
120 wm to 200 pm approximately. The macro-pores are
produced by the porogen leaching process. The micro-
pores are approximately 10um and result from the
extraction of dioxane crystals formed in the freeze
extraction process (Figure 3.1a). The microstructure is
similar to that obtained in previous studies. (121) (123)
(232) (122) (155) Figure 3.1b shows the PCL scaffold
filled with the PVA gel after 6 cycles of freezing and
thawing. It is clear that the gel enters both the macro and
micro-pores. Cryogenic-SEM was used to assess the
microstructure of the PVA gels to conserve the structural
swelling. Figure 3.1c shows the porous structure of the

pure PVA gel, visible only at higher magnifications.
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Natural articular cartilage can be modelled as a biphasic
structure, with a solid porous permeable phase, the tissue,
and a fluid phase. Cartilage tissue consists of extracellular
matrix produced by chondrocytes, which organize and
maintain the structure of the cartilage by continued
reorganization activity. Cartilage is mainly formed by
collagen type II fibres and glycosaminoglycans (GAGs),
which are responsible for high water absorption capacity.
The particular mechanical properties of articular cartilage
arise mainly from the interactions of water, electrolytes
and the collagen and proteoglycans polymeric matrix.
When cartilage is deformed, water flows through the
tissue allowing limited deformation and giving a
viscoelastic response. Therefore it is the biphasic structure
of cartilage that determines its load-bearing capacity.
Pressure makes fluid flow through the permeable solid

phase. (233) (234) (42) (69)

This study intends to obtain an experimental model that
simulates the mechanical behavior of the porous scaffold
when cartilaginous tissue grows inside the pores. The
mechanical response of a scaffold with pore architecture
immersed in water, such as that shown in Figure 3.1a, is
expected to be quite different from that of healthy

cartilage because the dynamics of the water flow through
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the pores is different. Nevertheless, it is expected that the
scaffold will be progressively filled with extracellular
matrix that is produced by the cells, that are previously
seeded or invading the scaffold in vivo. This would show
that the mechanical properties of the scaffold/newly

formed tissue construct vary in time. (108) (235) (236)

The effect of water diffusion on the stiffness of the scaffold
under compression is clearly demonstrated by the
dependence of the stress-strain curve on the strain rate.
Figure 3.2 shows the stress-strain plots of the PCL/PVA
constructs measured at different deformation rates from
0.02 to 1 mm/min. At high compression rates, the water
occupying the pores behaves as an incompressible fluid
that resists the compression force, which increases the
apparent elastic modulus of the construct. At low
compression rates, water is able to escape from the
sponge making the sample more compliant and thus the
measured apparent elastic modulus decreases.
Physiological loading frequencies in the articular cartilage
are normally listed between 0,1 and 2 Hz. (223) To both
simulate the natural conditions and to assure the effect of
water within the sample, 1 mm/min rate was chosen. That
is a loading rate within the physiological range and

sufficient to show the effect of the gel within the sample.
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Figure 3.2. Stress-strain curves obtained at varying compression rates in
an unconfined compression test of a sample of PCL scaffold filled with
PVA gel and subjected to 6 freezing and thawing cycles. The rates used
were 1mm/min (grey squares), 0.5 mm/min (light grey line), 0.2
mm/min (dark grey line) and 0.002 mm/min (black line).

Figure 3.3 shows the compression tests performed at a
deformation rate of 1 mm/min in the water immersed PCL
scaffold. Three characteristic regions of scaffold materials
can be observed (65): (I) The elastic region corresponding
to low strains, (II) the plateau region in which the polymer
struts suffer plastic deformation or fracture and pore
structure collapses with large deformations at nearly
constant stress, and (III) the high slope stress-strain

region corresponding to the behavior of the compacted
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material. The characteristic regions are labeled in figure

3.3.

The effect of the PVA gel filling the pores is significant in
all regions. The plateau is substituted by a continuous
increase of stress that shows that collapse of the PCL
struts is partly prevented when the pores of the scaffold
are filled by the gel. Interestingly enough, the increase in
compressive stress in the PCL scaffold/PVA construct
cannot be explained by the stiffness of the gel that fills the
pores. As shown in Figure 3.3, the elastic modulus of the
gel is not very different from that of the PCL scaffold in
region II. The clear synergic effect in the construct has to
be attributed to the role of the PVA gel to constrain water
permeation through the construct after a number of
freezing and thawing cycles. Again, incompressibility of
liquid water explains the high increase in the compression

stress in the construct.

In cartilage application the strain range of interest is
limited to 15%, which is considered to be the order of
magnitude of physiological deformations suffered by
articular cartilage. (217) (218) Values of the elastic
modulus were determined in the initial 2% deformation
but due to the significant curvature of the stress-strain
plot, the stress at 15% strain is also presented.
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Figure 3.3. Unconfined compression test of the PCL scaffold immersed in

liquid water (light grey), PVA gel after 6 freezing and thawing cycles

(grey) and the PCL scaffold /PVA construct after 6 freezing and thawing
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Figure 3.4. The elastic modulus (black) of the PVA gel 1-6 f/t cycles. The
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Figure 3.5. The Apparent elastic modulus (black) and stress at 15%
strain (grey) measured in unconfined compression tests in PCL scaffolds
(measured in immersion in water-i or dry-d) and the PCL scaffolds/PVA
constructs subjected to a different number of successive cycles of
freezing and thawing. The asterisk indicates significant differences for
(black) modulus and (grey) max stain with respect to dry PCL scaffold
according to ANOVA tests with p< 0.05.

The results obtained in the compression tests of the PVA
gel show very low values of one freezing and thawing
cycle, around 0.036 MPa, but the apparent elastic modulus
of the gel increases for every additional cycle. The stiffness
increases with the number of freezing and thawing cycles
due to the increasing number of crosslinks that will
distribute the stress on a higher amount of crystalline

regions. This feature has been explained by the increased
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hydrogen bonding between amorphous and or crystalline
regions and the densification of regions of amorphous PVA
chains. (237) The modulus for the highest crosslinked gel
reaches 0.133 MPa. The trend for the stress at 15% strain
shows the same behavior with a linear dependence
between the stress and the number of freezing and
thawing cycles. It is worth noting that the results in Figure
24 do not show any indication of reaching stable values for
the stiffness of the gel. As a consequence, we expect that
subjecting the gel to further freezing and thawing cycles

would lead to an increase of its modulus.

The compression test of the PCL scaffold/PVA construct
shows similar behavior (Figure 3.5) as the PVA hydrogels.
For one freezing and thawing cycle the modulus of the
construct is about 0.12 MPa and for every additional cycle
up to 6 cycles the stiffness increases until reaching 0.82
MPa. Interestingly enough, the mean value of the modulus
do not depend linearly on the number of freezing and
thawing cycles, instead there is an increasing effect on the
stiffness with each successive cycle. Furthermore, the
mean value of the compression modulus for constructs
subjected to 1 to 3 freezing and thawing cycles is even
lower than for the PCL scaffolds measured dry or in

immersion without PVA. The statistical analyses show that
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the differences are not significant between the dry PCL
scaffold and the PCL scaffold neither in immersion nor
with the construct for up to 3 cycles of freezing and
thawing, giving an interesting result. This feature is more
explicit in the results of the stress at 15% strain, shown in
Figure 3.5 at the secondary axis. Therefore, filling the
hydrophobic scaffold with a soft gel does not change the
stiffness of the construct for the first three cycles of
freezing and thawing. Not until a densely crosslinked gel is
introduced into the scaffold does the stiffness increase. As
explained above for higher deformation regions, it seems
like the stiffness of the filler itself plays a minor role in the
mechanical behavior of the construct, which is mostly
determined by the permeability of water in the material.
Water diffusion in a very soft gel facilitates the expulsion
of water from the scaffold. This would explain why the dry
scaffold, the water immersed scaffold and the scaffold/gel
construct for up to three cycles of freezing and thawing
have very similar mechanical behavior. Note that the
water content in the gel filling the scaffold pores is on the
order of 90%. According to the literature, PVA gel
subjected to an increasing number of freezing and thawing
cycles develops a nanoporous structure, in addition to
increasing crystallinity. (237) For a higher number of

freezing and thawing cycles, in spite of increasing
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nanoporosity, permeability studies suggest a complex
relationship between crystallinity, pore interconnectivity,
permeability and pore tortuosity that results in a decrease

in permeability with the number of cycles. (140)

This singularity explains that in the low deformation
regime, the stiffness of the PCL scaffold/PVA construct
increases for every cycle of freezing and thawing much
more than the stiffness of the PVA gel itself. This behavior
is also relevant for the application of macroporous
scaffolds in cartilage engineering strategies. The
development of newly formed tissue inside the pores
could allow the implanted scaffold to reach mechanical
properties close to that of the healthy articular cartilage,
even if the regenerated tissue is softer than the healthy
tissue. This is important for tissue regeneration since it
implies that the biomechanical environment of cells
hosted in the scaffold pores could be adequate in shorter
times than those required for the organization of
extracellular matrix with the structure of hyaline cartilage.
In fact, it is possible that the extracellular matrix produced
within the macro pores of a scaffold do not organize like
hyaline cartilage, despite of the fact that chondrocyte

markers are expressed.
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To emphasize the synergic effect of the scaffold and the
hydrogel filling the pores, Table 3.1 shows the values of
the apparent elastic modulus in the elastic regime, which
can be compared with those of articular cartilage in
human or animal models. In previous work authors have
conducted indentation studies of the articular cartilage of
rabbits. (152) Values of the modulus ranging between 0.26
and 0.59 MPa were measured and the stress for 15%
strain was between 0.08 and 0.3 MPa. This shows that the
required modulus can be reached with a quite soft
hydrogel filling the pores of the scaffold. This is due to the

low water permeability of the gel.
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Sample Elastic Modulus Stress at 15% strain
(MPa) (MPa)
PVA 6 f/t cycles 0.13 £0.005 0.032 +0.002
PCL dry scaffold 0.25 +0.088 0.040 +0.006
PCL/PVA construct 6 0.82 £0.14 0.11 £0.009
f/t cycles
Articular cartilage 0.41+0.12 0.08-0.003
(rabbit mode)

Table 3.1. The values of the apparent modulus and the maximum stress
for the PCL scaffold, the PVA gel and the scaffold/gel construct. Values
for articular cartilage, previously reported, are shown for comparison.

(152)

The results obtained with the experimental model
proposed in this study show that testing a scaffold to
predict its performance during tissue regeneration
requires a precise simulation of the contribution of newly
formed tissue and of the behavior of the scaffold/tissue
construct. This experimental model could be used to
obtain a realistic prediction of the performance of a given
macro porous scaffold after a number of deformation-
recovery cycles as is experienced in vivo during tissue
regeneration. Long-term fatigue testing of unfilled

scaffolds could significantly = underestimate the
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performance of the material. Mechanical performance of
the scaffold while it is resorbed in vivo could be adequately
analyzed as well using hydrolytic or enzymatic media

during fatigue testing.

Conclusions

An experimental model has been proposed to test the
mechanical behavior of tissue engineering scaffolds. Newly
formed tissue inside the scaffold during the regeneration
process is simulated by a PVA hydrogel subjected to a
series of consecutive cycles of freezing and thawing. The
apparent elastic modulus of the PVA gel increases with the
number of freezing and thawing cycles. A PCL scaffold with
a pore architecture consisting of spherical interconnected
macro pores with micro-pore walls could be efficiently
filled with PVA. The stiffness of the scaffold/hydrogel
construct increases when subjected to repeated freezing
and thawing cycles. Interesting enough, after three cycles
f/t the elastic modulus of the construct is much higher
than that of either of its components. This result is
attributed to the effect of the PVA gel hindering water
permeation through the scaffold when it is subjected to
compression loading. This mechanical behavior is quite

similar to that of articular cartilage and could be used to
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predict the performance of scaffolds during degradation or

during long-term fatigue testing.

The biphasic theory addresses natural articular cartilage
two different constituents, a fluid phase and a solid phase.
This theory is also applicable on PVA hydrogels. In
cartilage the solid phase is a porous structure of mainly
collagen fibres and proteoglycans. The fluid is the
interstitial fluid within the porous structure. Articular
cartilage is to 70-80 % made up of water. PVA hydrogels
are to 90 % water. The PVA hydrogels constitutes of
polymer chains that forms a porous structure where the
water can pass through. The mechanical properties of
cartilage are highly dependent on the negatively charged
GAGs and the water swelling capacity. PVA hydrogels swell
readily and its swelling capacity is strictly dependent on
its polymer content and number of freezing and thawing
cycles. The water is retained within the polymer network.
(238) The mechanical properties are to a large extent, in
both articular cartilage and PVA hydrogels, dependent on
the fluid phase and the permeability of the porous
structure. In this study it is clear that the mechanical
strength of the hydrogel increases with the number of
freezing and thawing cycles. Other authors compare and

suggest PVA hydrogels as a substitute for natural articular
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cartilage. ESEM images show that both cartilage and PVA
hydrogels are porous structures with small holes. (196) In
this work we show that it is possible to obtain a
scaffold/gel construct with mechanical properties similar
to that of the growing matrix of articular cartilage. The
stiffness of the PVA hydrogel can easily be tailored by
adjusting the number of freezing and thawing cycles. In
vivo the stiffness of the scaffold/cell construct will
increase with the synthesized new matrix. This is very
similar to the in vitro model we have developed with a PCL

scaffold and a PVA hydrogel filling the pores.
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Chapter 4: Prediction of the in vivo
mechanical behavior of biointegrable acrylic
macroporous scaffolds

This chapter is based on the manuscript “Prediction of the
“in vivo” mechanical behaviour of biointegrable acrylic
macroporous scaffolds” accepted for publication in

Materials Science and Engineering C June 2015.

This study examines a biocompatible scaffold series of
random copolymer networks P(EA-HEA) made of Ethyl
Acrylate, EA, and 2-Hydroxyl Ethyl Acrylate, HEA. The
P(EA-HEA) scaffold has been synthesized with varying
crosslinking density and filled with a Poly(Vinyl Alcohol),
PVA, to mimic the growing cartilaginous tissue during
tissue repair. In cartilage regeneration the scaffold needs
to have sufficient mechanical properties to sustain the
compression loading in the joint and, at the same time,
transmit the stress to the cells for chondrogenic
differentiation. This study proposes an experimental
model for measuring the mechanical properties of the
scaffold in a cartilage defect. The P(EA-HEA) scaffolds are
filled with an aqueous solution of Poly(Vinyl Alcohol) and
subjected to repeating cycles of freezing and thawing to

crosslink the hydrogel inside the scaffolds pores. The
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mechanical properties of the scaffold/hydrogel construct
are measured and the morphology before and after the

mechanical tests are evaluated.

Results and Discussion

The porosity of the porogen template and the P(EA-HEA)
scaffolds was calculated by equation 3. The results from
the porosity calculations are listed in table 4.1. The
calculated density for P(EA-HEA) is 1.136 g/cms.
Porosities for scaffolds filled with PVA are all close to 0
and not shown. In table 4.1 it can be seen that the porosity
is increasing slightly with increasing crosslinking density.
The porosity of the PMMA template is 9 * 5 which gives
P(EA-HEA) scaffolds a theoretical porosity of 90%. The
final porosity is slightly inferior, showing a certain
contraction of the scaffold during template extraction.
Materials with higher crosslinking density are closer to

this value.
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Material f (%)
P(EA-HEA) 1% 78 +4
P(EA-HEA) 3% 83+3
P(EA-HEA) 5% 87 + 4
PMMA template 9+5

Table 4.1. The porosity of the porogen template and the P(EA-HEA)
scaffolds without PVA hydrogel.

All the P(EA-HEA) scaffolds (Figure 4.1a-c) present an
interconnected structure with spherical pores before
compression tests. It is also possible to observe that the
scaffold pores are more open and interconnected, with
thinner trabeculare, for higher crosslinking density. The
pore size was estimated from 15-20 pores in three photos
for each sample. The P(EA-HEA) 1% scaffolds show a pore
size of 15+50 um, the P(EA-HEA) 3% scaffolds between
20+60 um and the P(EA-HEA) 5% scaffolds between
20+65 um. It is hence seen a small increase in pore size
with increasing crosslinking density. This phenomenon is
produced during the solvent exchange process from
acetone to water in the scaffold synthesis. The material
with higher crosslinking density absorb less acetone

which maintains the material rigid during the solvent
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exchange, and the result is an interconnected and open
pore structure. The scaffolds with smaller crosslinking
density can absorb greater amount of acetone and soften
during the solvent exchange, which will close the pores.
Porosity values (Table 4.1) reflect this fact. After
compression tests all materials show a slight

morphological change at the scaffold surface (Figure 4.1 d-

f).
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The influence of crosslinking density on the mechanical
properties of the porous scaffold has been assessed by
comparing the scaffold with and without water in the
pores. It is worth noticing that the P(EA-HEA) scaffold in
this study is hydrophilic. The effect of water on the P(EA-
HEA) scaffolds can only really be evaluated by testing the
scaffolds without water in the macro pores, but when the
scaffold has absorbed water into the polymer. In this way,
water in the macro pores is the only difference between
water-filled and water-absorbed samples. Consequently,
the scaffolds were immersed in water, and then the water
in the macro pores were removed by absorption on filter
paper. Both the modulus for the P(EA-HEA) scaffolds
immersed in water and for the scaffolds with empty pores
increases with increasing crosslinking density (Figure
4.2a-c). On the other hand, the scaffolds with empty pores
(Figure 4.2a-c ) show mechanical properties inferior to the
water-immersed samples. This indicates that it is foremost
water movement inside the scaffold pores that determines

the mechanical properties of the scaffold.

Another important observation is that the relationship
between the elastic modulus of the water absorbed
samples and the water filled samples, for different

crosslinking density. For increasing crosslinking density,
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1%-3%-5% EGDMA, the modulus for the water absorbed
samples is approximately: 0.05 - 0.1 - 0.3 MPa respectively.
For the water immersed samples the same scaffolds have
modulus of approximately: 0.35 - 055 - 1 MPa.
Consequently, the increase is not in the same order for the
different samples. P(EA-HEA) 1% increase the modulus 7
times by having water in the pores, P(EA-HEA) 3% by 5
and P(EA-HEA) 5% increases the modulus 3 times. This
means that the stiffness of the proper polymer network
influence the effect of water on the mechanical properties.
As the polymer network becomes more crosslinked, and
consequently stiffer, the effect of water filling is less
important for the mechanical outcome. On the other hand,
there is also a difference in porosity and pore-size
between the samples. The decrease in porosity increases
tortuosity of the water flowing through the scaffold during
compression. This makes the water passage more difficult

and hence, the compressive modulus increases.
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Figure 4.2. The elastic modulus (MPa) and stress for 15% strain (kPa) in
the unconfined compression tests for the P(EA-HEA) series, water
absorbed, water immersed and filled with PVA hydrogel for 1, 3 and 6
cycles f/t: (a) P(EA-HEA) 1%, (b) P(EA-HEA) 3% and (c ) P(EA-HEA) 5%.
Black columns represent modulus and grey stress for 15% strain. ANOVA
statistical analysis and unpaired t-test (p< 0,05) were made between
groups and significant difference is marked with an asterisk (black
between modulus and grey between stress for 15% strain) in

comparison with 1 cycle f/t.

Unmistakably, the capacity of reaching realistic
conclusions about the in vivo behavior of the scaffolds is
limited with these measurements. The scaffold, when
implanted in a chondral defect, will be filled progressively

by cells and ECM molecules that form a dense tissue. The
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PVA hydrogel inside the pores of the scaffold therefore
gives a realistic simulation of the in vivo situation. By
subjecting the scaffold/hydrogel construct to repeated
number of freezing and thawing cycles the PVA becomes
stiffer and can be compared to repair tissue. The PVA
stiffness can be tailored from an almost viscous solution to
a hard hydrogel, simulating the growing tissue inside the
scaffold pores. In figure 4.3 it can be seen that the
mechanical properties of the pure PVA gels increase with

the number of freezing and thawing cycles.

The water content of the pure PVA hydrogels after 6 f/t
cycles was measured as mass loss after freeze drying
followed by TGA analysis. The water content after freeze
drying was calculated to 86.7 %. TGA analysis show that
the freeze dried samples still contained 4.1 % water.
Hence, total amount of water in the initial samples were

87.2 %.
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Figure 4.3. PVA gel subjected to 1, 3 and 6 cycles of freezing and thawing
in unconfined compression tests in immersed conditions. Black columns
represent modulus (MPa) and grey stress for 15% strain (kPa). ANOVA
statistical analysis and unpaired t-test (p< 0,05) were made between
groups and significant difference is marked with an asterisk (black
between modulus and grey between stress for 15% strain) in

comparison with 1 cycle f/t.

The crystallinity of the pure PVA gels after 0, 1 and 6 f/t
cycles was calculated from DSC scans as melting enthalpy
divided by AH,, ° for a pure crystalline PVA sample, 150 J/g
(238). Results are shown in table 4.2. The crystallinity
varied from 46 % to 54 % from solution to 6 f/t cycles.
This is coherent with others results, that report
crystallinity values of 56% in hydrogels after 10 cycle f/t
(167).
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When the PVA solution is introduced into P(EA-HEA) 1%
scaffolds and subjected to 6 cycles of f/t (Figure 4.4a) it
can be seen that the hydrogel enters all the scaffolds pores.
SEM images of the cross-sektion of the scaffold/hydrogel
construct after compression tests (Figure 4.4b) show a
slighly different morphology, with a dense gel that seems
affected by compression. SEM images of pure PVA
hydrogel after 1, 3 and 6 cycles f/t show a porous
structure with a disperse pore size (0.5-2 um) for all cycles
of f/t. Figure 4c shows the hydrogel after 6 cycles f/t,

which is representative for all cycles f/t.

Sample Crystallinity (%)
PVA 0 cycles f/t 46.4
PVA 1 cycles f/t 48.6
PVA 6 cycles f/t 54.7

Table 4.2. The crystallinity of the PVA solution and hydrogels calculated

from DSC scans.
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In this study the macro porous P(EA-HEA) scaffolds with
different crosslinking density were filled with an aqueous
solution of Poly(Vinyl Alcohol) and subjected to 1, 3 and 6
cycles of freezing and thawing. Porosity results (Equation
2) and SEM images (Figure 4.4) show that the PVA enters
all pores in the scaffold. The mechanical properties of the
pure PVA hydrogels increase with increasing number of
f/t cycles (Figure 4.3), and the same pattern can be seen
for the hydrogel filled scaffolds (Figure 4.2), albeit not
always significant differences are found. In all P(EA-HEA)
scaffolds filled with PVA the elastic modulus increases
with respect to the pure PVA gel. Interestingly enough, the
mechanical properties for the PVA filled scaffolds decrease
compared to the scaffolds immersed in water. When a soft
hydrogel is inside the scaffold pores, the water flow is
facilitated and expulsed more easily why also the
mechanical properties decrease. Only for samples with 6
cycles of f/t the mechanical properties are as for the water
immersed scaffolds. Comparing the values to articular
cartilage in a rabbit model, 0.41 + 0.12, MPa (152) and
human, 0.581 + 0.168 MPa (239), it can be seen that the
P(EA-HEA) 1% reaches values of the rabbit model for
immersed samples. P(EA-HEA) 1% filled with PVA 6 cycles
f/t and P(EA-HEA) 3% and 5% immersed in water or filled
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with PVA 6 cycles f/t have values close to those of human

articular cartilage.

The increase in elastic modulus in the water filled samples,
in comparison to the empty scaffolds, is explained by the
water expulsion through the scaffold. The decrease in
elastic modulus in the hydrogel filled samples is also
explained by the water flow through the sample. The
presence of a soft gel inside the pores makes the water
flow easier and thus, increases the compliance of the
scaffold. It is worth to notice that the situation is quite
different from that of a scaffold with both macro and
micro-pores. In previous studies with a Polycaprolactone
scaffold filled with PVA hydrogel (Chapter 3) there was no
difference in the elastic modulus for dry and water
immersed scaffolds. The PCL scaffold is fabricated with a
freeze extraction and particle leaching method (117)
(123) (151) (121) (122) that generates both macro and
micro-pores in the scaffold walls. The fact that the water
immersed and dry PCL scaffold showed similar mechanical
properties, whereas the macro-porous P(EA-HEA) scaffold
showed a significant difference between the dry and water
immersed samples reveals the role of micro porosity on
water flow and mechanical properties. In the case of the

macro and micro-porous PCL scaffold, a relative high
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compression velocity makes the water expulsion from the
pores fast and the modulus is similar for samples with and
without water. The micro porosity seems to increase the
water expulsion and hence, lower the elastic modulus.
Considering that the P(EA-HEA) only have macro pores,
water expulsion is not that fast and the elastic modulus
increases. Once filled with a densely crosslinked hydrogel,
the scenario is different, since all the pores are filled with
hydrogel. The elastic modulus for the hydrophobic PCL
increased significantly filled with PVA 6 f/t cycles, on the
contrary the P(EA-HEA) scaffolds filled with PVA 6 f/t
have the same modulus as the water immersed samples.
This can be due to that hydrophilic P(EA-HEA) samples
filled with hydrogel make the water expulsion easier,
compared to hydrophobic PCL scaffolds. On the other hand
when the micro pores are filled with densely crosslinked
hydrogel, water expulsion is impeded and this double pore
architecture can prevent water flow even more and

increase the modulus.

These results are interesting since they indicate the
performance of the scaffold once implanted in a chondral
defect. Immediately after implantation, the scaffold pores
would be filled with fluid and cells, a scenario similar to

the water immersed scaffolds. When the tissue grow, the
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scaffold/tissue can be compared to the scaffold/hydrogel
model for different cycles of f/t. Initially, the modulus of
the P(EA-HEA) scaffolds would be similar to the water
immersed scaffolds. Then, it would apparently decrease in
the fist stages of tissue regeneration and with time
increase, when the repair tissue inside the scaffold impede

water flow through the porous structure.

Conclusions

This study evaluates the mechanical properties of P(EA-
HEA) scaffolds made with a porogen template technique
for different crosslinking density. The scaffolds have been
tested empty, water immersed or filled with PVA hydrogel
subjected to different number of freezing and thawing
cycles. It can be seen that the P(EA-HEA) scaffolds have
increasing porosity with increasing crosslinking density,
due to the solvent exchange in the synthesis method.
Furthermore it can be observed that the PVA hydrogel
enters all the scaffold pores, confirmed by porosity
measurements and SEM photos. The PVA hydrogels show
increasing crystallinity and decreasing water content with
increasing number of freezing and thawing cycles. The
SEM images show that the compression test do not

damage or collapse the scaffold pores. The elastic modulus
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increases with increasing crosslinking density for the
P(EA-HEA) scaffolds. The results are interesting as they
allow tailoring P(EA-HEA) scaffolds with different amount
of crosslinking agent. When excess water is removed and
the scaffolds are tested in dry conditions the modulus
decreases, which show the effect of water inside the
scaffold pores. When the scaffolds are filled with a soft
hydrogel, the elastic modulus is in the same range as for
the dried samples. The soft hydrogel facilitates water flow
out of the scaffold during compression and the modulus
decreases. When the hydrogel is more crosslinked, the
modulus increases but only to values of water immersed
scaffolds. This indicates that the water flow inside the
scaffold pores is a key factor for determining mechanical
properties. The results from hydrogel filled samples give a
realistic approximation of the in vivo behavior of the
scaffolds. PVA is a good cartilage model simulating ECM
growth inside the scaffolds pores. The mechanical
modulus for the P(EA-HEA)/PVA constructs is similar as

for native articular cartilage.
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Chapter 5: Relationship between micro-
porosity, water permeability and mechanical
behavior of scaffolds for cartilage
engineering

This chapter is based on the article “Relationship between
micro porosity, water permeability and mechanical
behavior in scaffolds for cartilage engineering” published in
the Journal of the Biomechanical Behavior of Biomedical

Materials 48, pages 60-60, 2015.

Polycaprolactone (PCL) scaffolds with a double micro and
macro-pore architecture have been synthesized with the
freeze extraction and particle leaching method. PCL
concentrations of 15, 20 and 25% PCL were used and
tested in dry, water immersed and filled with PVA for 6
cycles of f/t. This study explores the influence of the
micro-porosity of the pore walls on water permeability
and scaffold compliance. Unconfined and confined
compression tests were performed to characterize both
the water permeability and the mechanical response of
scaffolds with varying size of micro-porosity while volume
fraction of the macro pores remain constant. SEM images

reveal the morphology of the scaffolds.
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Relationship between micro-porosity, water permeability and
mechanical behavior of scaffolds for cartilage engineering

Results and discussion

In the SEM images of the 15, 20 and 25% PCL scaffold
(Figure 5.1 a-c) the macro porosity can be distinguished
with a morphology similar to previous studies. (121) (122)
(155) (123) The sizes of the macro and micro-pores have
been estimated by measuring 6 macro and micro-pores
from 3 different SEM pictures for each PCL scaffold. Macro
pores are created when the porogen microspheres are
extracted, and they are in range of 180+60 pm. The micro-
pores are created in the freeze extraction process. The PCL
solution and porogen spheres were mixed and rapidly
frozen in liquid nitrogen. During freezing of the dioxane
solution a solid-solid phase separation takes place and
both the PCL and the dioxane crystallizes. In the case of
PCL, a semicrystalline polymer is formed. The remaining
polymer chains staying in the amorphous phase could
contain some uncrystallized dioxane but most of the
dioxane crystallizes in a separated phase. (240) (241) The
frozen membrane was put into EtOH at -20 °C and the
dioxane crystallites leaches out. The micro-porosity comes
from the cavities the dioxane leaves in the scaffolds. An
increase in PCL/dioxane ratio decreases the micropore

size. In a previous work PLLA scaffolds were made using
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the freeze extraction process and micro-pores in the
scaffolds were measured manually with SEM photos and
with Microtomography (1CT). The values obtained by SEM
in that work are similar to those from the image analysis
done from uCT scans. The pCT results therefore confirms
the validity of SEM images analysis. (121) In this study the
micro-porosity can be appreciated from the SEM pictures.
It was observed that the micro-pore size diminishes with
increasing PCL content. In figure 5.1d-f the pore walls of
the different scaffold are seen. For the 15% PCL the micro-
pores are well distinguished and in the range of 2-10 pum
(Figure 5.1d). In the photos of the 20% PCL (Figure 5.1e)
the micro-pores are still detectable but the size is hard to
determinate with this level of magnification. In the 25%
PCL (Figure 5.1f) the micro-pores are not visible; rather

the pore walls appear more like roughness or abrasion.
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Cryo SEM photos were taken for the 15% PCL scaffold
with the PVA hydrogel filling its pores for 1, 3 and 6 cycles
of freezing and thawing (Figure 5.2 a-c). We have
previously shown that the gel enters all macro and micro-
pores of the PCL scaffold (Chapter 3) The calculated
porosity according to equation 2 was zero, with a small
standard deviation, which proves that filling the scaffold
pores with PVA by vacuum is an effective method. The PVA
gels are micro-porous and figure 5.2 shows the
dependence of the freezing and thawing cycles of the
porous structure on both the pristine PVA gels (Figure 5.2
d-f) and the PVA inside the PCL scaffold. There is not much
difference between the pores of the PVA gel inside the
scaffold after 1 and 3 cycles of freezing and thawing: the
pore size is around 1 pm. For 6 cycles of freezing and
thawing the pore size of the PVA gel increases and there is
a dispersion of pore sizes ranging from 1 to 10 um (Figure
5.2 c¢) with a similar behavior shown by the pure PVA gels
(Figure 5.2d-f). The pores are larger inside the scaffold
than in the pure PVA gels. The limitation imposed by PCL
trabeculae on contraction and expansion of PVA during
freezing and thawing could have some influence on the

formation of micro-pores.
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Confined compression tests were done to evaluate the
permeability of the pure PVA gel and the 15% PCL/PVA
construct. The 20 and 25% PCL scaffolds filled with PVA
and subjected to 6 cycles of freezing and thawing were
measured and compared to the scaffolds immersed in
water. Figure 5.3 shows the stress-strain curve for one of
the scaffolds: 20% PCL immersed in water, from with the
aggregate modulus and permeability was calculated. The
confined compression test consisted of a series of
successive strain ramps to 2, 4, 8, 12, 16 and 20% of strain.
Each new strain level was followed by a relaxation period
of 15 min. The values of the stress after the relaxation
period was best fitted to a straight line and the aggregate
modulus was obtained from its slope (Figure 5.3a). For the
stress relaxation at 8, 12, 16 and 20% of strain a force-
time graph was drawn (Figure 5.3b shows the force-time
graphs for each of the stress relaxation strains). The
relaxation time was calculated from best fit to a single
exponential function for large times. The permeability was
calculated from equation 4. From this it can be seen that
permeability of the pure gel is much higher than that for
the 15% PCL/PVA construct (Figure 5.4a). For one cycle of
freezing and thawing permeability of the pure PVA gel is
very high, since the gel has limited crosslinks. For each
cycle of freezing and thawing the crosslinking density is
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increasing and the gel gets stiffer. (Chapter 3) The
permeability is decreasing until 4 cycles of freezing and
thawing where the values are in the same range for 5 and
6 cycles of freezing and thawing. This can be due to that
the hydrogel after 4-6 cycles of freezing and thawing have
similar crystallinity, or pore size due to the freezing
process. (168) For the 15% PCL/PVA construct
permeability does not change with the number of cycles of
freezing and thawing. This implies that the water flux
inside a hydrogel filled scaffold is mainly controlled by the
morphology of the scaffold, and less influenced by the
crosslinking density of the hydrogel.
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Figure 5.3. (a) A representative stress-strain graph from the confined
compression assay for 20% PCL immersed in water. The aggregate
modulus is obtained as the slope from the linear fit of the stress-strain
curves at equilibrium points (gray circles and dashed line). (b) The
force-time graphs with strain of 8, 12, 16 and 20% represented from top
left to right down. The relaxation time is calculated from the fitting to a
single-exponential function for large time (thick grey line). The
permeability is deduced from equation (4) with the values obtained of

the aggregate modulus and relaxation time.
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Figure 54. (a) Permeability for pure PVA and 15% PCL immersed in
water and filled with PVA for 1 to 6 cycles of freezing and thawing (f/t).
An ANOVA statistical test was done, and when statistical difference was
found an unpaired t-test was performed to evaluate the statistical
difference between tested groups with p < 0.05. Black asterisk show
statistically significant difference between pure PVA gels and PCL/PVA
constructs, and grey asterisk between groups of pure PVA gels different
cycles f/t. b) Permeability and c) aggregate modulus for series of PCL
scaffolds with and without PVA filling. The black asterisk show
statistically significant difference between PCL/PVA scaffolds and grey
asterisk between PCL scaffolds. There are no statistically significant
differences between PCL scaffolds and PCL/PVA constructs.

As seen in figure 5.1 the scaffold is composed of both
macro and micro-pores. To evaluate how the scaffold
architecture influences the permeability, confined
compression tests were performed on PCL/PVA scaffolds
with different micro-porosity after 6 cycles of freezing and

thawing. In figure 5.4b it is seen that for increasing PCL
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content, i.e. decreasing micro-porosity, the permeability
decreases, showing the effect of the micro-porosity on the
water flux through the scaffold trabeculae. There is no
statistically  significant difference = between the
permeability of the PCL scaffold and the PCL/PVA
construct for 6 cycles of freezing and thawing for any of
the PCL scaffold series (Figure 5.4b). This indicates that
the water permeability is foremost decided by the micro-
porosity in the pore walls. These results make it
reasonable to think that the water flux through a scaffold
filled with cells and ECM (here the filling is simulated by
the PVA hydrogel) is mainly controlled by the micro-
porosity of the scaffold, and less influenced by the macro
porosity or tissue density. It is worth to notice that the
aggregate modulus for the 15% PCL/PVA construct is
constant throughout 1-6 cycles of freezing and thawing
(Figure 5.6). This could imply that the aggregate modulus
is the value to compare to the permeability, and not the
elastic modulus (Chapter 3). Neither permeability nor
aggregate modulus change for the different number of f/t
cycles of the PCL/PVA construct (Figure 5.4a and 5.6). The
elastic modulus however, is affected by the hydrogel

density (Chapter 3).
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Figure 5.4c shows the results for the aggregate modulus of
PCL scaffolds with different micro-porosity with and
without hydrogel filling. The modulus increases for
decreasing micro-porosity and there is no significant
difference between the scaffold with or without PVA. The
aggregate modulus for human articular cartilage is around
0.5-0.9 MPa (228) and the permeability values typically
range between 10-1> and 10-1m*/Ns. (41) (42) (243) (244)
(25) In these terms the PCL/PVA construct can be
considered a good cartilage model, specially the 25%
PCL/PVA. The hydraulic pressure in cartilage depends on
the proteoglycans in the ECM and is determined by pore
size, pore distribution, tissue composition and mechanical

deformations.

Loading and unloading tests in unconfined compression
mode were performed to determine the apparent modulus
and maximum stress reached for 15% of deformation for
the different samples (Figure 5.5). A compression test until
total collapse of the samples was also done to see the
different zones of the stress-strain curve (Figure 5.7). The
typical stress-strain zones are the elastic region
corresponding to low strain, the plateau region where the
scaffold struts undergo permanent deformation and the

high slope stress-strain region which shows the behavior

163



Relationship between micro-porosity, water permeability and
mechanical behavior of scaffolds for cartilage engineering

of the compact material. (65) The values for the apparent
modulus and the maximum stress are increasing for
increasing PCL content, i.e decreasing micro-porosity, for
the water filled and PVA filled samples. The elastic
modulus of rabbit articular cartilage is 0.41+0.12 MPa
(152) and of human articular cartilage 0.581+ 0.168 MPa.
(25) From the results it can be seen that all the water
immersed scaffolds have values close to the animal model
and the scaffolds filled with PVA gel have values similar to
human articular cartilage. In the loading of the PCL
samples immersed in water (Figure 5.7), the samples with
higher PCL content have less distinguished pore collapse
zones. (65) This is even more pronounced when the pores
are filled with PVA gel. In none of the samples trabeculae
buckling and pore collapse is seen and for the curves of the
samples with higher PCL content higher stress is required

to compress the scaffold until the same strain.
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Figure 5.5 a) Apparent modulus for the series of PCL and PCL and PVA
scaffolds. b) Stress at 15% strain for the series of PCL/PVA scaffolds. An
ANOVA statistical test was done, and when statistical difference was
found an unpaired t-test was performed to evaluate the statistical
difference between tested groups with p < 0.05. A black asterisk
indicates statistically significant difference between the empty and filled
scaffolds and between the PCL/PVA scaffolds. Grey asterisk indicate
statistically significant difference between the empty PCL scaffolds.
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Unconfined stress relaxation tests to 5%, 10% or 15%
compressive strain were performed on all the different
PCL, PCL/PVA scaffolds and the pure PVA hydrogel. Figure
5.8 shows the stress-relaxation curves obtained for the
15% PCL scaffold, with a strain of 15%. The stress
relaxation curves for 5 and 10% strain show the same
behavior and are not shown. The experiments were
performed with the samples immersed in water at room
temperature. At this temperature stress relaxation of a
PCL scaffold is quite a slow process. Indeed, in the
performed experiment the stress was always far from
equilibrium; reaching equilibrium would require an
experiment several decades longer. In previous study
(Chapter 3) it was shown that the apparent modulus of
PCL scaffold immersed in water did not reach values
higher than that of the dry sample. This means that when
the scaffold is deformed in free compression mode, water
leaves the pores faster compared to the deformation rate
and the mechanical behavior is dominated by the
viscoelasticity of the porous polymer (i.e. by
conformational rearrangements of the polymer chains and
sliding of polymer crystallites). In the case of PVA hydrogel
the values of the stress for the same strain are lower than
that of the PCL but in the same order of magnitude. The
stress relaxation process is still quite slow.
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Figure 5.8. The logarithmic stress relaxation graphs from the
compression test for the 15% PCL scaffold without (grey diamonds) and
with (black triangles) PVA and the pure PVA hydrogel (light grey circles)

for 15% of deformation. The inset shows a linearity test of the results.

Interestingly enough, the stress measured at short
intervals in the composite is much higher than for the PCL
scaffold or the PVA hydrogel, showing the synergic effect
produced by a hindering effect of the composite structure
on water permeation under compression loading. Since
water is incompressible, any delay of water-flow out of the
sample during compression produces an important
increase in the recorded stress. In fact, the water-flow
though the PVA gel should be hindered by the tortuosity
imposed by the trabecular structure of the hydrophobic
PCL, giving rise to a delay in water-flow out of the
scaffold/gel. Due to hydrogel filling of the PCL scaffold,
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water-flow in the composite is expected to be slower than
in the empty scaffold. Thus, the effect is an initial stiffness
of the composite higher than seen in any PCL scaffold or
PVA gel. The stress relaxation follows with a progressive
decrease in the stress with time. The relaxation process for
the PCL/PVA construct is faster than for the single
components scaffold or hydrogel, which shows that the
kinetics of the relaxation process it not controlled by the
polymers itself, but by water inside it. The results must be
interpreted bearing in mind that the observed
phenomenon is predominated by the water-flow inside the
sample and not by the polymer rearrangements. This
means that a deformation of the sample is progressively

allowed with water-flow out of the sample.

Conclusions

This work uses an experimental model to demonstrate the
effect of micro-porosity on the mechanical properties of a
macro and micro-porous PCL scaffold for cartilage
engineering. The growing cartilaginous tissue is simulated
using a PVA hydrogel with tailored elastic modulus.
Confined compression tests show a constant permeability
in the PCL/PVA scaffolds with varying hydrogel density,

revealing that the permeability is non-dependent on
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hydrogel filling. To assess this determining variable, the
micro-porosity in scaffold was changed and results
revealed that permeability decreases with reduced micro-
porosity. Furthermore, no permeability changes were
observed in hydrogel-filled and water-filled scaffolds. This
signifies that permeability and ultimately water flow is
principally dependent on the scaffold’s micro-porosity.
The unconfined compression test shows that the stress
relaxation behavior of the scaffold and hydrogel construct
is a synergic effect produced by the scaffold, hydrogel and
water flow. The results of this experiment highlights the
importance of water mobility in scaffolds. The mechanical
behavior of the scaffold implanted in a cartilage defect will
depend on the water flow inside the growing tissue and
the scaffold pores. The permeability for natural articular
cartilage is between 10-1> and 10-1¢ (41) (42) (243) (244)
(25) and the values reached for the PCL/PVA model are
between 1.4-10-1% and 3.5 -10-1> for increasing PCL content.
The elastic modulus for natural articular cartilage is
around 0.5-0.9 MPa (228) and the values reached for the
PCL/PVA model were between 0.3-0.5 MPa. This study,
with the limitations of using a hydrogel filling the scaffolds
pores instead of extracellular matrix molecules produced

by cultured chondrocytes, can be extrapolated to the
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behavior of the scaffold implanted in an articular cartilage

defect.
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An experimental fatigue study of a porous scaffold for the
regeneration of articular cartilage

Chapter 6: An experimental fatigue study of
a porous scaffold for the regeneration of
articular cartilage

This chapter is based on the published article “An
experimental fatigue study of a porous scaffold for the
regeneration of articular cartilage” in The Journal of

Biomechanics Volume 48 Issue 7 pages 1310-1317, 2015.

This experimental study aim to predict the long-term
mechanical behavior of a porous scaffold implanted in a
cartilage defect for tissue engineering purpose. Fatigue
studies were performed by up to 100,000 unconfined
compression cycles in a Polycaprolactone scaffold with
highly interconnected pores architecture. The PCL scaffold
was fabricated with freeze extraction and particle leaching
technique for 15% PCL concentration and 1:1
PEMA/PMMA. The scaffold compliance, stress-strain
response and hysteresis energy have been measured after
different number of fatigue cycles, while the morphology
has been observed by scanning electron microscopy at the
same fatigue times. The scaffolds were tested in dry and
water immersed conditions and filled with PVA for 6
cycles of f/t. DSC scan was done to evaluate the effect of

water to the PCL scaffolds.
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Results and discussion

The PVA hydrogels were examined to evaluate the water
content of the gels. Hydrogels were fabricated from the
aqueous PVA solution and exposed to 6 cycles of freezing
and thawing. The hydrogels were freeze dried, and then
heated in a TGA scan. After the freeze drying, the average
water content of the hydrogels, was obtained as the
difference in mass of the hydrogel and the dry samples
obtained. The average water content was calculated to
86.73 * 1.85 %. Then, the samples were examined in TGA,
and the resulting heating curves show a mass loss of 4.12+
0.29% up to 180°C that was assigned to the remaining
water. In this way the PVA hydrogels contain 87.2 % water
based on initial weight of the samples, showing very little

water loss during thawing.

Before mechanical testing the dry PCL scaffold has micro,
(10+£5) pum, and macro, (180+£60) um pores (Figure 1a).
These mean pores size were obtained by measuring the
size of 10 micro and macro pores in 3 different SEM
photos. The structure is similar to the ones obtained in
previous works. (121) (Lebourg, Suay Antdén, and Gémez
Ribelles 2010) (122) (Lebourg et al. 2013) Without

fatigue, the structure of the dry and immersed scaffold is
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very similar. Not until 10,000 cycles of fatigue a change is
seen (Figure 6.1f-1g), between the dry and immersed
samples. The dry scaffold is clearly affected by the
dynamic loading applied, the pores are collapsed and the
overall scaffold structure is changed in comparison to
earlier fatigue times (Figure 6.1f). For the immersed
scaffold the fatigue effect is not that comprehensive
(Figure 6.1g), the scaffold trabeculae are not broken but a
compressive effect exerted by the load is noticed, as the
pores become more oval shaped. The dry scaffold after
100,000 cycles of fatigue (Figure 6.1h) is now almost
totally collapsed and many trabeculae are broken (see the
arrow in Figure 1h). In the immersed samples after
100,000 cycles (Figure 6.1i) the pores are compressed but
have not collapsed to the same extent as in the dry
samples. The difference between the dry and immersed
scaffolds shows the effect of the water inside the pores of
the scaffold. The water inside the pores acts as unitary
tensors with forces working against the compressive force
and the applied load is not as damaging as for the samples

without liquid.
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This effect is even more emphasized for the PCL scaffold
filled with PVA gel. It is worth to notice that the PVA
solution enters both the micro and macro pores of the
scaffold, forming a continuous phase that fills all scaffold
voids. The calculated porosity according to equation 3 was
zero, which probes the effectiveness of the vacuum filling
of the PVA solution. No pore size change of the PCL
scaffold is expected during the freezing and thawing step,
the water inside the pores freezes and expands but during
the thawing a retraction is expected. The porous
honeycomb structure of the PVA gel is seen inside the
pores of the PCL before fatigue in Figure 6.2a and 6.2c. The
morphology of the PCL scaffold filled with PVA gel remains
unchanged during the fatigue test (Figure 6.2b).
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The DSC heating scan is represented in figure 6.3 and
shows the graph of the heat flow and temperature for the
dry and water immersed PCL samples. The calculated
crystallinity is 45% for both the samples and the melting
peak is 3 degrees lower for the water immersed sample.
The Tg is around -60 2C for both the dry and immersed
sample with a broad transition and low heat capacity
increment due to the high crystallinity. A large fraction of
the polymer chains that do not participate in the
crystallites is immobilized in an amorphous rigid phase
and hence do not participate in the glass transition. This
feature seems to be enhanced by freeze extraction. (245)
(246)(Lebourg, Suay Anton, and Goémez Ribelles 2008)
The plasticizing effect of the water adsorbed in the
amorphous phase (247) of the polymer could not be
quantified. This effect is considered very small comparing
the effect of the mobility of the water inside the macro

pores of the scaffold, supporting the compression loads.
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The PVA gels are showing an almost perfect elastic stress
strain response with loading and unloading paths that
nearly overlap (Figure 6.4a). Furthermore no difference is
seen before and after 100,000 cycles of fatigue. The dry
and immersed PCL scaffolds (Figure 6.4b and 6.4c) show a
different result, with a clear difference in the first and
second loading path before fatigue. After 100,000 cycles of
fatigue the curves are moved to smaller strains and the
loading and unloading paths are much closer to each other
indicating a more compact material where the pores have
collapsed. The PCL/PVA construct shows (Figure 6.4d) a
result combining the elasticity of the PVA gel and the
stiffness of the PCL scaffold. It is seen a certain permanent
deformation in the PCL scaffolds. In the PVA gel the strain
is returning to its original state of zero displacement after
unloading the charge. For the dry PCL scaffold the
unloading curve reaches values of about 15% deformation
and the water immersed scaffolds of about 12%
deformation. This difference could be due to the water
inside the pores of the scaffolds. Water is being pushed out
of the scaffold pores but is also able to be reabsorbed in
the cyclic compressive assays. For the PCL and PVA

construct the permanent deformation is around 3%.
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Figure 6.6 Compliance (mean value * standard deviation) for the first
(black) and second (grey) loading curve for the studied systems: (a) PVA
gel, (b) dry PCL, (c) immersed PCL, and PCL/PVA (d), as a function of the
number of fatigue cycles. ANOVA statistical test was done, and when
statistical difference was found an unpaired t-test was performed to
evaluate the statistical difference between tested groups with p < 0.05.
Black asterisk is marked for statistical significant difference between the
compliance of the first loading curves and grey asterisk for the second
loading curve
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The evolution of the compression curves for each time of
fatigue (Figure 6.5) balance the observations from the SEM
photos. It is seen how the dry and immersed samples show
smaller strains after fatigue indicating a more compact
material (Figure 6.5b and 6.5c). The PCL/PVA scaffold
(Figure 6.5d) has a less prominent strain decrease
behavior, proving the effect of the PVA gel inside the pores
of the scaffold. The strain for the same load applied is not
significantly changed after any of the fatigue times for up

to 100,000 cycles proving the stability of the construct.

The results for the compliance give hat the PVA gel (Figure
6.6a) show a quite high compliance for both the first and
second loading curve for the samples without fatigue and
after 100 cycles of fatigue. There is no statistical difference
between the compliance for the first and second loading
curves neither throughout the cycles of fatigue, except for
the first loading curve at 3000 cycles, indicating stable gels
not changing the mechanical behavior for up to 100,000

cycles of fatigue.

The dry PCL samples show no significant difference
between the compliance of the first and second loading
curves or for increasing cycles up to 10,000 cycles of
fatigue (Figure 6.6b). The results have high standard
deviation due to the porous nature of the samples. For
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100,000 cycles the material is now denser, less porous and
harder and consequently the compliance is much smaller.
The pore damage is irreversible. SEM pictures in Figure

6.1 confirm these results.

The water immersed PCL scaffolds (Figure 6.6c) without
fatigue show similar results as the dry samples except the
second loading curves that show the effect of water inside
the pores. The compliance is increasing in the second
loading curve, giving a softer material when the water is
expulsed. The dry samples are hardening in the second
loading curve, indicating that the material already is
denser due to pore buckling. The compliance is slowly
decreasing with increasing number of fatigue cycles
showing that the samples are affected by the fatigue. After
100,000 cycles of fatigue the material is clearly damaged
by the fatigue but in comparison to the dry samples they

have been less damaged.

The compliance of the PCL scaffolds with PVA gel inside
(Figure 6.6d) do not show any significant change during
the fatigue cycles. The hydrogel inside the pores can host a
great amount of water, which easily can flow within the

scaffold and sustain the loads.
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Figure 6.7. Deformation at maximum tension for the studied systems: PVA
gel (white), dry PCL (light grey), water immersed PCL (grey), and PCL /PVA
(black), as a function of the number of fatigue cycles. ANOVA statistical
test was done, and when significant statistical difference was found an
unpaired t-test was performed to evaluate the statistical difference
between tested groups with p < 0.05. Black asterisk marc statistical
significant difference between PCL immersion groups and grey asterisk

between PCL dry groups.

By observing the strain for the maximum tension applied
similar results are obtained (Figure 6.7). The dry scaffolds
have a strain around 12% for the samples without fatigue
and there is no significant difference up to 10,000 cycles of
fatigue, with just a slight increase in the maximum strain.
For 10,000 cycles the strain increases to approximately
25% for the same load. For 100,000 cycles of fatigue the
strain diminishes to around 5%. The material should be
very densely packed with little porosity and behaves as a
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hard material. The SEM images and the values of
compliance are in good agreement with these results

(Figure 6.1 and 6.6).

The water-immersed scaffolds have an initial strain of
about 20% and then show a slight increase in the strain,
indicating some trabeculae bending. After 100,000 cycles
the strain is higher than in the dry scaffold, meaning that it
has more intact pores. This is confirmed with the SEM
images that show the difference of the dry and immersed

scaffold after fatigue (Figure 6.1h and 6.1i).

The scaffold filled with PVA gel does not show any
significant difference before or between the different

cycles of fatigue. The strain is around 12%.

All the samples show hysteresis energy (Figure 6.8). A
perfect elastomer does not show any hysteresis curve, the
loading and unloading path are identical and no energy is
dissipated (248) (249). In previous study (250) a macro
and micro porous PCL scaffold was filled with a fibrin gel
and mechanically tested for fatigue predictions up to 1000
cycles. The hysteresis energy was calculated and with a
mathematical model it was shown that filling the PCL
scaffold with water, or fibrin, improved the fatigue life of

the scaffold. In this study, for the samples without fatigue
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testing, the dry and immersed scaffolds have a higher
plastic strain energy density compared to the scaffolds
filled with hydrogel. The PCL/PVA construct shows no
significant difference in the dissipated energy throughout
the fatigue cycles compared to the samples without
fatigue. The dry and immersed PCL scaffolds dissipate less
energy after 100,000 cycles of fatigue which again shows a

dense material provoked by pores collapse.
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Figure 6.8. The dissipated energy from the second hysteresis cycle from
each time of fatigue for the PVA gel (white), dry PCL (light grey), water
immersed PCL (grey) and PCL/PVA construct (black). ANOVA statistical
test was done, and when significant statistical difference was found an
unpaired t-test was performed to evaluate the statistical difference
between tested groups with p < 0.05. Grey asterisk marc statistical
significant difference between PCL dry samples and black asterisk

between PCL immersion samples.
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Conclusions

In this work fatigue tests have been carried out on a micro
and macro porous biodegradable Polycaprolactone
scaffold in different conditions, dry and immersed state
and filled with a PVA hydrogel mimicking the ECM of
cartilage. Unconfined compression studies up to 100,000
cycles has been made and the compliance, maximum
strain and hysteresis energy were calculated to evaluate
the long-term mechanical behavior of this “in vitro”
cartilage model. The first and second loading curves of the
resulting stress-strain curves have been analyzed for each
cycle of fatigue and the morphology has been observed
after each fatigue cycle. This gives a comprehensive study
of the mechanical behavior of the scaffold in implanted

conditions.

The scaffold/gel construct sustains up to 100,000 cycles of
fatigue without any alterations in morphology, stress-
strain response or hysteresis energy. The scaffold can
withstand the compressive force without trabeculae
breaking since the water swollen gel inside the pores
perceives some of the compressive load. This is crucial in
tissue engineering applications where the scaffold is

implanted and need to resist the initial physiological
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mechanical stress and offer an adequate biomechanical
environment for the cells and the ECM. The results are
important when it comes to design and fabrication of
porous scaffolds to avoid unnecessary animal trials. In vivo
there will be a complex interaction between the cartilage
GAGs, the collagen fibers and the water molecules. Water
will pass by the ECM components and go through the
scaffold trabecular between the pores and to a high extent
contribute to the mechanical performance. The results
obtained in this study show that the scaffold is able to
initially sustain the load applied, and once the
cartilaginous tissue grows inside the pores the
physiological load applied does not change its mechanical

performance.
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Chapter 7: The design of a biomedical
implant device for articular cartilage
regeneration

This chapter is based on the manuscript: The in vivo
response of a biomedical implant device for articular
cartilage regeneration, submitted to The International
Journal of Artificial Organs in June 2015. As previously
stated in the introduction of this thesis, repair of articular
cartilage defect is difficult and surgical techniques offered
today generate a mostly fibrous cartilaginous tissue. Many
tissue engineering strategies currently focus on improving
the mechanical properties of the scaffolds, since it is
believed that an adequate biomechanical environment
induce chondrogenic differentiation of mesenchymal stem
cells. Within the objectives in this thesis was the design of
a cartilage implant for animal studies. The design is based
on a European patented biomedical implant device, with
patent number EP201131625 PCT/W02013/178852. The
cartilage device is patented by this research group at
Universitat Politécnica de Valencia, Dr. Carmen Carda at
Universitat de Valéncia and Dr. J.C. Monllau at Hospital
Santa Creu I Sant Peu. The implant is originally designed
for the human articular cartilage, and the task in this

thesis was to adapt it to animal studies. The articular
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cartilage surface is approximately 3 mm thick in humans,
nevertheless in animals the cartilage is only 1 mm thick. In
figure 7.1 the original implant design is illustrated. As
previously discussed, in regeneration of cartilage the joint
must be considered as an osteochondral specimen.
Osteochondral implants how ever, suffer from the
disadvantage of damaging the subchondral bone to great
extent. Alterations of the subchondral bone is seen to
provoke tissue repair failure. On the other hand, the
scaffold must be able to stay in place in the defect. The
defect is normally very irregular and adjacent tissue does
not hold the scaffold in place. The anchoring must then be
done with as little interventions and surgical steps as
possible. Therefore, the patented implant consists of a
chondral sponge and a fixation device to the sunchondral
bone. The anchodring system is originally (Figure 7.1)
assured by a polymeric membrane sited in the scaffold.
The objectives within this thesis was to design an implant
based on this device, adapted for thinner articular

cartilage surface in animals.
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R

Figure 7.1. The original design for the patent EP201131625
PCT/W02013/178852. (157)

Two animal studies have been carried out: In the first
study a 15% PCL scaffold was implanted in a
microfracture defect in 21 sheep. In the second trial the
device was improved with the subchondral bone
anchoring part, based on the patented implant. The
scaffold was synthetized from a 25% PCL solution and less
porogen ratio, to improve the mechanical properties of the
scaffold. The scaffold was fixed to a commercially available
PLLA pin as anchoring system to the subchondral bone.
The scaffold device was implanted in a microfracture

defect in 6 sheep.
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Results and discussion

In the first trial a PCL macro and micro porous scaffold
was employed. The scaffold was synthesized by freeze
extraction method as previously described in the thesis.
Scaffolds were cut with circular stamps and surgical

scalpels to cylinders of 4 mm diameter and 1 mm height.

For the second trial the PCL scaffold was fixed to the
subchondral bone using a combination of the PCL scaffold
and a biocompatible pin as shown in Figure 7.2. Due to the
difference in cartilage thickness of humans and animals,
the anchoring ring did not fit into the porous scaffold and

had to be placed underneath the scaffold.

Figure 7.2. The left picture show the original implant device, and the
right picture show the modified implant for the animal studies. It can be
observed that the porous sponge not contain the polymeric membrane
anymore, and that the fixation device is attached at the underlying

bottom of the implant.
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In the device implanted in the sheep, the anchoring system
consisted in a commercially available Poly(L-lactic), PLLA,
pin (Contour™ Meniscus Arrow™, ConMed, USA). The PCL
scaffold was synthesized from a 25% PCL solution and 1:1
PCL solvent/porogen spheres ratio. This composition was
chosen to increase the mechanical strength of the scaffolds
in comparison to the scaffold in the first trials. The PLLA
pin is normally used for meniscus operations and specially
purchased since it has proven biocompatibility and bone-
integration properties in clinics. The PLA pin was attached
to the PCL solution in the synthesizing step. The head of
the arrow was melted (IN2100 Quick Soldering Iron, JBC,
Spain) to have a flat end. The PCL solution and
PEMA/PMMA microspheres were rapidly mixed and
inserted into a custom made Teflon device of 1Imm depth
and 4 mm diameter. The PLLA arrow was placed on top of
the polymer mix, and the Teflon device was immersed in
liquid nitrogen. The freeze extraction and porogen
leaching were performed as previously described. The
scaffolds were dried in continuous vacuum extraction until
constant weight, and placed individually in Eppendorf
tubes and sealed in vacuum pockets. The material was
sent to sterilization with gamma rays 25 KkGys

(Arragogamma, Spain).
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Figure 7.2. The implant device for the second animal trials. The chondral
part consists of a porous PCL scaffold and is attached to a PLLA arrow,

as anchoring system to the subchondral bone.

In total, an amount of 21+6 ( Trial 1 and 2) mature female
sheep, breed Merina and official brand 270BK (Supplier
Agricola Ramadera Les Anglades Vilert, Girona, Spain),
were employed. The sheep weighed about 40 kg. The
surgical interventions was carried out by by Dr. Santos
Martinez Diaz at the Hospital Clinic Veterinari at the
Universitat Autonoma de Barcelona. The animal care
before, under and after the operations was taken care of
Dr. Felix Garcia and his staff at the departament de
Medicina i Cirurgia Animals. The trials were realized in
accordance to protocol CEEA 1940 17-02-2013 approved
by the Ethic Committee for animal trials at the Universitat

Autonoma de Barcelona. The protocol follows the
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European regulations 86/609/EEC (European Economic
Community) and the law 5/1995 with regulatory decision
1201/2005 by the local government. After surgery the
animals spent a postoperative period in boxes and were
released after seven days in conventional herd at the
Universitat Autonoma de Barcelona, named “Servei de
Granges I Camps Experimentals” number B9900042. The
animals were divided into three groups. The first
experimental group with 15 animals underwent surgery
with 2 chondral lesions in the load bearing zone in the
interior medial condyle of femur. 4-5 microfractures were
done in the defect, in the subchondral bone with an awl for
arthroscopic surgery. The PCL scaffold was implanted.
The second group, with 6 animals, underwent the same
surgery without posterior scaffold implantation. The third
group of 6 animals had the same surgery, with the addition
of an orifice in the middle of the chondral lesion
performed by a Kirschner needle. The orifice was made to
facilitate the implantation of the PCL scaffold with PLLA
pin. One of the animals perished during the postoperative

procedure due to anesthesia problems.

The sheep were anesthetized by tracheal intubation and
laid in supine position. Surgical procedure was performed

on the right knee as described below. Sterile field was
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prepared following standard procedures, first the right
knee was shaved and the surgical site was disinfected
using iodine solution and animal non-sterile zone was
covered with sterile towels. A 40 mm incision was
performed in the medial knee in distal position to patella.
An internal distal arthrotomy was performed in the lower
part of the patella in the medial height of patellar tendon,
separating sidelong the patellar ligament and the patella,
without dislocating, and separating the internal structures
of the joint capsule allowing access to the load bearing

zone of the internal condyle of femur.

Then, 2 chondral lesions of 4 mm diameter and
approximately 1 mm height in weight bearing zone of the
internal femoral condyle was performed, with 4-5
microfractures until bleeding from subchondral bone. To
perform the microfractures, an Arthrex awl used in human
microfracture surgery was employed. The defect was
washed with physiologic serum. In the group one, a PCL
scaffold was implanted by press-fit technique (Figure 7.3).
The control group was left with microfracture without
scaffold implantation. In trial two, the six animals had an
additional orifice made in the center of the chondral
defect. The scaffolds were placed in the chondral defect

with sterile tweezers and press-fit technique (Figure 7.4).
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In all groups the arthrotomy was closed with loose vycril
sutures 3/0, and the skin with continuous vycril sutures
4/0 and loose paper (Steri-Strip 3M) sutures. The lesion
was covered with standard bandage (Sterile Cutiplast 7.2
cm x 5 cm, Smith&Nephew). After the surgery and removal
of the anesthesia the animals were returned to cages,
wearing soft knee bandage in flexion position for 7 days.
The animals were standing up about half an hour after
operation. After 7 days the animals were released in
controlled herds according to the norms approved by

CEEA.

The sheep were scarified after 4,5 months free movement
in the herd. The animals were first placed in boxes and
euthanized by intravenous overdose of pentobarbital 100
mg/kg. Once euthanized the samples were obtained for
posterior analysis. The samples were obtained by
dissection of the right knee and exposure of the internal

femoral condyle, by osteotomy with an oscillating saw.
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Figure 7.3. The surgery for trial 1. A) Two lesions of 4mm diameter were
created in the medial condyle of femur and a microfracture was
performed in the defects. B) In each of the lesions a PCL scaffold was

placed with press-fit technique.

a) b)

Figure 7.4. The surgery for trial 2. Two lesions of 4mm diameter were
created in the medial condyle of femur and microfracture was
performed in the defects. In each of the lesions the PCL scaffold with

PLLA screw was placed with press-fit technique.
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The internal femoral condyle of the left knee was also
obtained, to use as control. The samples used for
biomechanical testing were sent in sterile PBS buffer
medium with penicillin/streptomycin 1ml/100 ml PBS
with 0.5% azide. The temperature was controlled to 4 °C
from explant before mechanical testing. After the
mechanical testing, the samples were fixed in formalin
solution 10% neutral buffer for 48 hours. Then the

samples were washed and saved in PBS+azide.

For the biomechanical tests, the hole cartilage piece with
the subchondral bone was subjected to indentation tests,
previously described. The results can be seen in figure 7.8.
The elastic modulus of the joints with scaffold
implantation are inferior to controls in most cases,

supported by the histology analysis.

Sample | Surgery Examination Time
(months)

1 Microfracture Histology 4.5

2 Microfracture+scaffold | Histology 4.5

3 Microfracture Histology 4.5

4 Microfracture+scaffold | Histology 4.5
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5 Microfracture+scaffold | Histology 4.5
6 Microfracture+scaffold | Histology 4.5
7 Microfracture Histology 4.5
8 Microfracture+scaffold | Biomechanical | 4.5
9 Microfracture+scaffold | Biomechanical | 4.5
10 Microfracture+scaffold | Biomechanical | 4.5
11 Microfracture+scaffold | Histology 9
12 Microfracture+scaffold | Histology 9
13 Microfracture+scaffold | Biomechanical | 9
14 Microfracture+scaffold | Histology 9
15 Microfracture+scaffold | Histology 9
16 Microfracture Histology 9
17 Microfracture Histology 9
18 Microfracture+scaffold | Biomechanical | 9
19 Microfracture Histology 9
20 Microfracture+scaffold | Biomechanical | 9

Table 7.1. References for each sample from trial one. For each sample

the internal femoral condyle of left knee was used as control.
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Sample | Surgery Examination | Time(Months)
1 Microfracture+device | Histology 4.5
2 Microfracture+Device | Histology 4.5
3 Microfracture+Device | Histology 4.5
4 Microfracture+Device | Histology 4.5
5 Microfracture+Device | Histology 4.5
6 Microfracture+Device | Histology 4.5

Table 7.2. References for each sample from trial 2. All 6 animals had

microfracture+ PCL scaffold+PLLA pin device implantation.

The histological analysis and staining was performed at
the Facultat de Medicina i Odontologia at the Universitat
de Valencia under charge of Dr. Carmen Carda and Maria
Sancho Tello. Macroscopic pictures of the femoral
condyles were taken using a Leica DC150 camera.
Morphology was studied following standard histological
technique. Briefly, after fixation of the joint specimen, the
samples were rinsed with PBS and immersed in Osteosoft
decalcifier solution (Merck) up to 4 months at room
temperature. Once specimens were decalcified, they were

cut through the middle of the scaffold and each half was
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separately embedded in paraffin, following standard
histological proceduces. Five-um thick sections were
obtained and stained with hematoxylin-eosin and
Masson’s trichrome. Stained sections were analyzed under
Leica optical microscope (Leica DM 4000B), and pictures
were taken using a Leica DFC 420 camera. The samples
obtained in the second trial followed the same procedure
except they were embedded in low-melting embedding
wax instead to standard paraffin, in order to preserve the

implanted scaffold.

Macroscopic study of the articular surface at the injury
zones shows the appearance of neotissue covering
partially or completely the injury zone, although the
surface had a rougher appearance than controls (Images
not presented). No differences were found in the
macroscopic study in the different trials. However, when
samples were sectioned into halves, big cystic cativities
were observed in many samples of the first trial, similarly
to those observed in other studies using large mammals.
The presence of cystic cavities in the second trial was less
frequent, the cavities were smaller and located at the

lower end of the anchoring pin.

Microscopic study revealed (Figure 7.6-7.9) that all
samples presented an active process of neotissue
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formation around the edges of the injury, as previously
seen in smaller mammals. In some samples, neotissue
covered completely the articular surface although the
thickness was less than in controls) but in others the
neotissue only covered partially the biomaterial, which
was in contact to sinovial cavity, in both trials studied.
Figure 7.6 and 7.8 represent typical panoramic results

from both groups.

In the first group (only PCL scaffold), the repaired tissue
showed the appearance of hyaliane-like cartilage.
Microscopic analysis (Figure 7.6) revealed that it was
mainly immature hyaline cartilage, with a higher cellular
density than controls with only microfracture surgery. The
cells did not present the arrangement of the mature
hyaline cartilage at the time of sacrifice (Figure 7.7a-b).
The neotissue covering the injury zone had also areas of
fibrous tissue. Cystic cavities were big and abundant in the
first trial, and they contained either an immature
connective tissue (Figure 7.7c), of they were empty (not

shown).

In the second group, where the PCL scaffold was attached
to a PLLA anchoring pin, microscopic study revealed they
also presented an active process of repair in the injured
surface as well as around the pin (Figure 7.8). Similar to
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first trial group, the neotissue found on the articular
surface was mainly immature hyaline-like cartilage
(Figure 7.9a), and areas of preserved scaffold could be
observed (Figure 7.9b ). In the subchondral bone, the area
occupied by the anchoring pin appeared as an empty
rectangular cavity, since the PLLA pin was not preserved,
and was surrounded mainly by fibrous connective tissue
containing big multinucleated cells with a phagocityc
aspect (Figure 7.9c). Some areas also contained loose or
mesenchyme connective tissue around the pin cavity. In
this group, none or small cystic cavities were observed
(16% of the samples), that were around the deeper end of
the anchoring pin. It can be seen that the improved
scaffold with fixation system to subchondral bone shows
better tissue integration. The articular surface shows an
active reparative process, whereas subchondral bone
shows less alterations with reduced cyst formation. It
seems like that the presence of the PLLA pin enhance the
biointegration, and prevents cyst formation. The
macroscopic study show that most of the defects, 75%,
exhibited the articular surface completely or almost
completely with a repair neotissue. The macroscopic
aspect was similar to normal cartilage, although the
appearance was rougher than controls. Regarding the
fixation system, the union between the PCL scaffold and
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PLLA pin needs to be improved since many defects

macroscopically show that the scaffold had been lost.

Both groups of scaffold implantation showed an increase
in surface thickness. These differences were statistically
significant when compared normal cartilage with treated
groups. The percentage of regenerated cartilage was 68.7
% in the PCL scaffold group and 53 % in the microfracture
group, which was a difference statistically significant (p

<0.05).

2000 um

Figure 7.5. The contralateral knee after 4.5 months implantation,

serving as control.
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Figure 7.6. Panoramic view of a sample after 4.5 month implantation of
PCL scaffold and microfracture surgery. The two defects are seen
partially filled with a neotissue and the subchondral bone is showing

alterations with cysts formation. Scale bar 1mm.

Figure 7.7. Microscopic images of the sample shown in Figure 7.6. A)

limit between native cartilage and neotissue b) neocartilage growth at
the defect site and c) cyst formation in the subchondral bone. Scale bar

Imm.
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Figure 7.8 Panoramic view of a sample after 4.5 months implantation of
PCL scaffold with subchondral bone anchoring after microfracture
surgery. The defect has been filled with a neotissue, and subchondral

bone lacks alterations. Scale bar Imm.

Figure 7.9 Microscopic images of the sample shown in Figure 7.8. A)

Regenerated neotissue is immature cartilaginous tissue b) PCL scaffold,
degraded or broked into smaller pieces, surrounded by regenerated
neotissue c) Remains of PLLA pin degraded by multinucleated phagocitic

cells. Scale bar Imm.
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Figure 7.8 The results from the indentation tests of the cartilage and
bone piece after sacrifice in the first trials with implantation of PCL
scaffold after microfracture surgery. The red points show the specimens
with PCL scaffold implantation and the blue points the contralateral
healthy knee. The results show that the repair tissue has inferior

mechanical modulus than controls.

Conclusions

Regarding the implant consisting of PCL scaffold with
subchondral bone anchoring, the macroscopic study
showed that most of the defects (75%) exhibited the
articular surface completely or almost completely repaired
with a neotissue. Nevertheless, they had a rougher
appearance than controls. Besides, only 2 samples (16%)

presented a cystic cavity, which was in the deeper end of
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the pin. These results showed an improvement from the
defects where only PCL scaffold was implanted without
anchoring pin, that resulted in a high incidence of cystic
cavities. Histological study reveals an active repair process
in the injured surface as well as around the pin. All
samples presented neocartilage formation at the edges of
the injury, that eventually covered the whole surface in
some cases, although the cartilage observed had an
immature aspect at the time of study most of the times.
Around the pin, fibrous, loose or mesenchymal connective
tissues were observed along with an active process of
primary ossification. Subchondral bone shows an active
process of bone formation around the pin, and it presents
a reduced formation of cystic cavities. Therefore, the
device implanted improves tissue regeneration in large

mammals, although it needs to be optimized

212



Discussion

A PCL scaffold with different micro porosity, but
maintaining the same macro pores has been synthesized
and a PVA hydrogel has been introduced into the pores of
the scaffold. The PCL/PVA construct has been subjected to
different cycles of freezing and thawing. The PVA hydrogel
itself has also been characterized. It can be observed by
SEM photos (Figure 5.1), that the PCL scaffold shows a
double interconnected porous structure with macro-pores
ranging from approximately 120 um to 200 pm and micro-
pores up to 10um. The macro-pores are produced by the
porogen leaching process and the micro-pores result from
the extraction of dioxane crystals formed in the freezing
process. Thus, an increase in the PCL/dioxane ratio
decreases the micro-pores size. Scaffolds with 3 different
concentrations of PCL were fabricated (15/20/25% PCL)
and the micro-porosity is clearly observed in the samples
for 15% PCL (Figure 3.1). However, by increasing the PCL
content the micro-pores diminish and can hardly be
distinguished for high concentration of PCL (Figure 5.1).
The micro-pores appear more like a rough surface in the
scaffold walls for the 25% PCL (Figure 5.1). It seems like
there is a limit for the concentration of PCL for the

creation of micro-pores. The polymer concentration
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influences the micro-pore size by being inversely
proportional to the crystals formed during the freezing
step. Higher polymer concentration means fewer and
probably smaller crystals, that will results in smaller
micro-pores, since every micro-pore consists of groups of

solvents crystals.

By porosity measurements and SEM images it is clear that
the PVA hydrogel enters all micro and macro pores of the
PCL scaffold (Figure 3.1). The hydrogel appears in a
honeycomb pattern, covering all pores in the PCL scaffold.
In previous studies by other authors morphological
changes of the PVA hydrogels after freezing and thawing
have been reported for different concentration of polymer
(167). It was also noticed that the gel with just one or two
cycles of freezing and thawing did not appear porous due
to polymer collapse during preparation steps. Regarding
any morphological change in pore size for the different
cycles of freezing and thawing, different results were
reported, some authors seeing a pore growth for
increasing cycles of freezing and thawing, and others none.
(184) (185) (168) The pore size for three cycles of
freezing and thawing is reported to be around 1 um. (168)
The porous structure observed in the PVA hydrogels is

stated to arise from the cycles of freezing and thawing
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since the ice crystals form the pores. We did not observe
any difference in pore size between 1 and 3 cycles of
freezing and thawing but an increase in pore size was seen
for the hydrogel after 6 cycles of freezing and thawing up
to approximately 10 um (Figure 5.2 e-f). This phenomenon
was seen both for the pure hydrogel and for the hydrogel
inside the PCL scaffold. Inside the scaffolds pores the
hydrogel pores appear larger and this could be due to the
PCL limiting the polymer rich phase growth during
freezing and thawing (Figure 5.2 a-c). Regarding the shape
of the pores, it is distinguished a linear direction of the
pores, possibly due to the temperature gradient during

freezing, or sublimation in the cryo-SEM unit.

Fatigue studies were carried out on the PCL scaffolds in
dry, water immersed and hydrogel filled conditions. After
each fatigue time the morphology was observed to
evaluate the performance of the scaffold. It could be
observed that the dry and water immersed scaffolds did
not suffer any morphological change due to fatigue until
10,000 cycles (Figure 6.1 f-g). The pores in the dry
samples were then collapsed and the scaffold suffered an
overall structural change due to fatigue wear. The water
immersed scaffolds suffered less morphological changes,

the scaffold trabeculae did not break yet. After 100,000
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cycles of fatigue the dry scaffold was totally collapsed and
the water immersed scaffold maintains a porous structure
(Figure 6.1 h-i). This shows the effect of water inside the
pores of the scaffold. The potentially plasticizing effect of
water to the polymer chain is not seen, at the contrary
water inside the scaffold pores increase the resistance to
compressive force during fatigue. This can be understood
by considering water as an incompressible liquid and take
in account the relative high compressive velocity the
experiments were performed, 1mm/min. The water is not
given time to leave the scaffold pores and hence prevents
the scaffolds pores from collapse during fatigue. The
morphology of the hydrogel filled scaffolds is not seen
affected by fatigue (Figure 6.2). The scaffolds sustain
fatigue without undergoing any morphological changes, by
having a water-filled highly crosslinked gel inside the
pores. The possible effect of freezing on the scaffolds of
PCL is neglected since it is believed to affect the

morphology very little.

Scaffolds of P(EA-HEA) with different crosslinking density
show an interconnected spherical porous structure. The
scaffold pores are more open and interconnected for
increasing crosslinking density, due to the synthesize

process (Figure 4.1 a-c). After compression tests the P(EA-
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HEA) scaffolds show a slight superficial morphological
change. The SEM photos of the hydrogel filled scaffolds
show that the gel is filling all pores, before and after
compression tests (Figure 4.4 d-f). After compression the
hydrogel appears lightly compressed inside the scaffold,
probably due to scaffold elasticity.

In chapter 3 the mechanical properties of 15% PCL
scaffold filled with PVA hydrogel for different cycles of
freezing and thawing was evaluated. The water immersed
PCL scaffold shows typical stress-strain behavior for
porous materials, with linear-elastic region, pore collapse
zone and densification region (Figure 3.3). Dry and
immersed scaffolds show similar apparent elastic
modulus, indicating that the effect of water inside the
scaffolds pores is seen foremost as a fatigue resistance
effect (Figure 3.5). This will be discussed further regarding
the mechanical properties after fatigue tests. The study
presented in chapter 3 indented to obtain an experimental
model simulating the mechanical behavior of a porous
scaffold implanted in a cartilage defect. In a cartilage
defect the mechanical properties of the scaffold would
change with time, since cells, ECM and finally cartilaginous
tissue would fill the pores. The PVA hydrogel was chosen

as cartilage model for the high water content, mechanical
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properties and porous structure of the hydrogel
Mechanical properties of the PVA hydrogel were easily
tailored by different cycles of freezing and thawing. The
compressive modulus increased with the number of
freezing and thawing cycles (Figure 3.4), owed the
increased crystalline regions that serve as crosslinks. The
stress-strain behavior of the hydrogel filled scaffold after
six cycles of freezing and thawing clearly showed the
influence of PVA (Figure 3.3 and 3.5). The hydrogel
prevented pore collapse, and the PCL/PVA further more
showed a synergic effect resulting from the water filled
hydrogel inside scaffold pores. The water inside the
hydrogel and the scaffold pores will result in interesting
features: The mechanical modulus decrease in the
PCL/PVA when the PVA is lightly crosslinked (Figure 3.5).
This is believed to be due to water permeability through
the PVA hydrogel, and consequently through the PCL/PVA
scaffolds. If the water expulsion is dependent on the
crosslinking density of the hydrogel, water will flow out
easier from the soft hydrogel and result in lower elastic
modulus. The same pattern was seen for the P(EA-HEA)
scaffold filled with PVA. The modulus decreased for the
hydrogel filled scaffolds, implying easier water expulsion
(Figure 4.2). Therefore, permeability tests were performed

for the PVA hydrogels and the PCL/PVA scaffolds. (Figure
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5.3) By confined compression studies the permeability of
the scaffolds and gels was deduced. Permeability for PVA
hydrogels was highly dependent on the cycles of freezing
and thawing (Figure 5.4a). This can easily be understood
by imagine the viscous solution of PVA, the hydrogel after
one cycle of freezing and thawing is nothing but a lightly
crosslinked solution. After six cycles of freezing and
thawing PVA is yet a stiff hydrogel with hard water
passage. Curiously enough permeability for the PCL/PVA
scaffolds does not change with the number of freezing and
thawing cycles (Figure 5.4a). This was only seen in the
pure PVA hydrogels and not in the PCL/PVA constructs.
Confined compression tests on PCL/PVA scaffolds with
different micro porosity was done and it was concluded
that the micro porosity had more influence on the
permeability than the hydrogel filling (Figure 5.4b).
Permeability and aggregate modulus values of the scaffold
with hydrogel were close to human cartilage. There was
no significant statistical difference in permeability
between the same kind of scaffold water filled or filled
with hydrogel (Figure 5.4 b-c). That means that water is
giving the same resistance to flow through a hydrogel
filled scaffold, as a water filled scaffold. The hydrogel
contains 90% water and it seems like the crosslinks do not
hinder the water flux through the scaffold. Linking this to
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the results in chapter 1, where it was seen a decrease in
the mechanical modulus with a soft hydrogel filling
compared to water filled scaffold, gives a new perspective.
The dense hydrogel is increasing the mechanical
properties of the PCL scaffold, compared to the water filled
samples. Albeit, the hydrogel filled scaffold have same
values of permeability as for the water immersed scaffold.
Additionally the soft hydrogel, with less crosslinking

points, soften the scaffold when introduced into the pores.

It seems like there is a more complex relation between the
decrease in modulus, water expulsion and water
permeability. This could be due to the fact that
permeability = was  calculated through  confined
compression studies that are based on the biphasic model
of cartilage (40) (41). In fact, the PCL/PVA system consists
of three systems. The PCL scaffold is one phase, and the
polymeric chains of PVA is another phase and water is a
third phase. The biphasic system takes in account two
phases, polymeric chains and water. For the PVA
hydrogels the model is accurate, it is seen how
permeability increases for decreasing crosslinking density.
(Figure 5.4a) This could explain why the elastic modulus is
decreasing in the low crosslinked scaffold/hydrogel

construct without affecting permeability values (Figure
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3.4) The water expulsion is facilitated but not reflected in
permeability experiments. Hydraulic permeability studies
with bioreactor should complete the study to bring more

light on the phenomena.

It is however seen that the aggregate modulus for the
PCL/PVA construct for 1-6 number of f/t cycles is without
significant differences throughout all the cycles. (Figure
5.6) The aggregate modulus is, as said, the modulus in
equilibrium when the water flow ceased, calculated from
the confined compression tests. It can be seen that the
aggregate modulus and the permeability results obviously
agree since the former is calculated from the latter. The
Young’s modulus is calculated from unconfined
compression tests and might not be the right value to

compare to the permeability in this case.

It might be interesting to compare these findings with
results from others. In studies with agar in aqueous
solutions, motion of water molecules are unaffected by the
presence of agar molecules. (185) This means that water
passes by the agar molecules without being influenced,
somewhat similar to water motion inside the PVA gel in
the PCL scaffold. In another study, a porous Poly(1.8-
octanediol-co-citric acid) scaffold was tested in a flow
chamber, with different porosities filled with Hya/Col I
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hydrogel. (251) It was seen that the permeability was not
affected by the increased porosity, when hydrogel filled.
When the scaffold was filled with water, the permeability
increased for increased porosity but in the hydrogel filled
the permeability was constant. This is interesting since it
shows that water motion through scaffolds with hydrogel
inside, is independent on the internal scaffold structure. In
the case with agar, water motion was unaffected by
polymer chains and in the case of POC scaffold filled with
hydrogel permeability was unchanged for different
porosities. The latter is contradicting the results in this
thesis, where an increased micro-porosity decreased
permeability. It is clear that more experiments are needed

to totally understand the water flow phenomena.

The scaffolds fatigue resistance was measured as
mechanical modulus after different times of fatigue cycles.
The PCL scaffold was tested in dry, water immersed and
PVA filled conditions. The stress-strain behavior of the
scaffolds was evaluated after fatigue test. The PVA
hydrogel showed an almost perfect elastic behavior,
before and after fatigue tests. When first and second
loading curve was compared for any dry or water
immersed scaffolds, it could be seen that the first and

second loading curve before fatigue differ from between

222



each other. However, after fatigue the first and second
loading curve was coinciding, meaning that the material
was compact (Figure 6.4 b-c). The compliance was
decreasing for increasing fatigue times (Figure 6.6 b-c).
Stress softening or stress hardening effects have been
pointed to explain the difference between the first and
second loading curve. The sample presents a higher elastic
modulus after subjected to the first measuring scan (stress
hardening) or on the contrary a lower modulus (stress
softening). The PCL/PVA construct was barely affected by
fatigue, and showed same mechanical response
throughout the fatigue times (Figure 6.4 d, 6.5 d, 6.6 d).
The hysteresis curve showed constant plastic strain
energy density for the PCL/PVA construct and the PVA
hydrogel itself (Figure 6.8). The dry and water immersed
PCL scaffold show higher plastic strain energy density that
decreased for increasing fatigue cycles, indicating that the
porosity is continuously decreasing. The mechanical
experiments on the PCL/PVA construct show overall
stable mechanical behavior, indicating that once the
scaffold is filled with repair tissue, the scaffold/tissue

construct can withstand long-term in vivo conditions.

In the study of P(EA-HEA) scaffolds with different

crosslinking density, it was seen that the polymer
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crosslinking density highly affected the mechanical
behaviour (Figure 4.2 a-c). For scaffolds with different
crosslinking density, the mechanical behaviour changed
significantly between empty and water immersed
scaffolds. The pore size and porosity differed slightly
between the samples, but not sufficient to explain the
increase in elastic modulus by water filling (Figure 4.1 a-
c). This means that the water flow through the scaffold is
dependent on the proper material toughness, and this
effect is less important in a hard material. For the softest
material, with less crosslinking density, the water motion
through the scaffolds macro pores increased the elastic
modulus by 7 times. This can be compared to the stiffest
material that increased the modulus 3 times by having
water in the pores. When the P(EA-HEA) scaffold was
filled with PVA hydrogel and subjected to different
number of cycles of freezing and thawing, the modulus
decreased for the soft hydrogel (Figure 4.2). This is the
same pattern as for the PCL scaffolds (Figure 3.5). An
important difference was seen however, and it was that
the modulus for the P(EA-HEA)/PVA for 6 cycles of f/t did
not increase compared to the water-filled scaffolds. On the
contrary, the modulus for the PCL/PVA 6 cycles f/t
increased significantly to the water immersed samples. By

having both macro and micro-porosity it seems like the
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densely crosslinked hydrogel filling the pores of PCL
impedes water flow through the construct and increases
the modulus. This was only seen for the hydrogel filled
samples, and a quite opposite phenomenon was observed
in the water immersed samples. The dry and water
immersed PCL scaffolds show practically the same value of
elastic modulus (Figure 3.5), whereas the P(EA-HEA)
scaffolds show a great value increase by having water in
the pores (Figure 4.2). By having both macro and micro-
porosity, the water expulsion from the PCL scaffold was
facilitated and this lowered the modulus to dry sample
values. This is very interesting since it shows the
importance of micro-porosity in the scaffolds wall. In an
implanted scaffold in a chondral defect, this would mean
that the scaffold initially facilitates water flow through the
pores. Once the repair tissue would grow inside the
scaffolds pores, the scaffold/tissue construct approaches

its mechanical properties to adjacent healthy tissue.

Regarding the in vivo studies of the PCL implant device
with subchondral bone anchoring: The macroscopic study
showed that in most of the defects a repair tissue was
covering the articular surface completely or almost
completely. Besides, only 16% presented a cystic cavity,

which was in the deeper end of the pin. These results
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showed an enhanced tissue repair and diminished
subchondral bone alterations from the trial where only
PCL scaffold was implanted without anchoring pin. The
defects with only scaffold implanted showed high
incidence of cystic cavities. The microfracture controls
also showed high presence of cyst formation. This shows
the importance of subchondral bone anchoring for both
tissue repair and foremost, to avoid subchondral bone
alterations after microfracture surgery. Alterations such as
cyst formations are normally seen when the subchondral
bone is perforated and by implanting a biodegradable
PLLA pin these are drastically diminished. The immature
cartilaginous tissue seen in the defects show that the PCL
scaffold is a promising implant device, although
modifications need to be done to assure the scaffold

fixation.

226



Conclusions

An experimental model for resembling the in vivo behavior
of porous scaffolds in a cartilage defect has been
developed. The artificial cartilage model can be employed
for predicting the mechanical behavior of porous implants.
By introducing an aqueous of PVA in the pores of the
scaffold and subject the construct to different number of
freezing and thawing cycles, interesting features can be
seen. First of all, it is possible to tailor the mechanical
properties of the porous scaffolds with hydrogel filling, up
to values of human articular cartilage. The mechanical
behavior of the hydrogel filled scaffolds is different for
scaffolds with macro-porosity and scaffolds with both
macro and micro-porosity. The micro-porosity plays an
important role in the hydrogel filled samples, by
increasing the mechanical properties. The gel inside the
micro-pores hinders water flow through them. Micro-
porosity is also seen to play an important role in the
permeability of the scaffolds, with higher influence than
hydrogel filling. Micro-porosity is also important in the
scaffolds that are immersed in water. The scaffolds with
solely macro-porosity increase the elastic modulus up to
seventh fold by having water in the pores. However, for

scaffolds that have double pore architecture, the elastic
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modulus is similar for empty or water filled scaffolds. On
the other hand, by the experimental model other
interesting  features are observed. @When the
scaffold/hydrogel construct is subjected to low number of
f/t cycles, the elastic modulus decrease. This means that
the soft hydrogel facilitates the water expulsion from the
scaffold, and lower the modulus to values below the water
immersed scaffolds. Not until the hydrogel is readily
crosslinked, the modulus increase. The modulus then
increase to values, for the double pore architecture
scaffold, higher than the water immersed scaffold, but for
the solely macro-porous scaffold to values in the same
order as the water immersed scaffolds. Once again the
micro-porosity was shown to play an important role in the
mechanical behavior of the scaffolds. Then, the PCL/PVA
scaffold was tested in long-term mechanical behavior
experiments, showing the stability of the construct. The
experimental model with PVA hydrogel as cartilage model
is considered a good artificial model, allowing simulating
in vivo conditions. The animal studies of the PCL scaffold
show that the biological results are better when
implanting with an anchoring device to the subchondral
bone. The results both for solely PCL scaffold or scaffold
and PLLA pin are better than the controls of only

microfracture surgery, in the case of neotissue formation
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and repair tissue formed. Foremost, the cyst formations
and subchondral bone alterations highly decrease when
implanting the scaffold with an anchoring system. This is
important since subchondral bone plate alterations is an
unsolved clinical problem in cartilage engineering.
Problems with cyst formation diminish when the PLLA
dart was anchored to the subchondral bone. This is
promising for future pre-clinical trials. The fixation device
need to be improved to assure that the scaffold stay in

place in the chondral defect.
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Future work

The PVA artificial cartilage model is well characterized and
is applied on both a micro- and macro porous PCL scaffold
and a macro porous P(EA-HEA) scaffold. The PVA model
could be used in other scaffold systems, to predict the
mechanical outcome of the implanted scaffold. In this way,
unnecessary animal sacrifice is avoided. It could be
interested to study the degradation of the polymers with
this cartilage model, to evaluate the implant stability

during in vivo degradation.

The PCL scaffold was synthetized according to a patented
implant, a device consistent of a chondral part, a porous
sponge, attached to a biocompatible anchoring system to
the subchondral bone. The results from the in vivo studies
of this device show that the product development needs to
improve for use in animal studies. By improving the
attachment to the PLLA pin better results are believed to

be obtained.

In humans however, the thicker cartilage will allow the
chondral part to consist of a polymeric membrane
attaching the sponge. It could also be of interest to use an
anchoring system of even smaller diameter, to try to

damage the subchondral bone as little as possible.
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