Royal College of Surgeons in Ireland
repository@rcsi.com

The Development of a Fibrin-Collagen-Glycosaminoglycan Scaffold for Heart
Valve Tissue Engineering
AUTHOR(S)
Claire M. Brougham
CITATION
Brougham, Claire M. (2016): The Development of a Fibrin-Collagen-Glycosaminoglycan Scaffold for Heart
Valve Tissue Engineering. Royal College of Surgeons in Ireland. Thesis.
https://doi.org/10.25419/rcsi.10809803.v1
DOI
10.25419/rcsi.10809803.v1
LICENCE
CC BY-NC-SA 4.0
This work is made available under the above open licence by RCSI and has been printed from
https://repository.rcsi.com. For more information please contact repository@rcsi.com
URL
https://repository.rcsi.com/articles/thesis/The_Development_of_a_Fibrin-CollagenGlycosaminoglycan_Scaffold_for_Heart_Valve_Tissue_Engineering/10809803/1

The Development of a Fibrin-Collagen-Glycosaminoglycan
Scaffold for Heart Valve Tissue Engineering

Claire M. Brougham BE MEngSc

Department of Anatomy
Royal College of Surgeons in Ireland

A thesis submitted to the Royal College of Surgeons in Ireland in partial
fulfilment of the requirements for the degree of
Doctor of Philosophy

October 2016

Supervisor
Prof. Fergal J. O’Brien

Declaration
I declare that this thesis, which I submit to RCSI for examination in consideration of
the award of a higher degree of Doctor of Philosophy, is my own personal effort.
Where any of the content presented is the result of input or data from a related
collaborative research programme this is duly acknowledged in the text such that it
is possible to ascertain how much of the work is my own. I have not already
obtained a degree in RCSI or elsewhere on the basis of this work. Furthermore, I
took reasonable care to ensure that the work is original, and, to the best of my
knowledge, does not breach copyright law, and has not been taken from other
sources except where such work has been cited and acknowledged within the text.

Signed _____________________________________________________
Student Number ______________________________________________
Date _______________________________________________________

2

Table of contents

DECLARATION ........................................................................................................................................ 2
TABLE OF CONTENTS ................................................................................................................................ 3
NOMENCLATURE .................................................................................................................................... 7
TABLE OF FIGURES .................................................................................................................................. 9
ABSTRACT ........................................................................................................................................... 14
ACKNOWLEDGEMENTS ........................................................................................................................... 16
PUBLICATIONS, AWARDS AND PRESENTATIONS RELATED TO THESIS .................................................................. 18
Peer Reviewed Publications ......................................................................................................... 18
Awards......................................................................................................................................... 18
International conference proceedings ......................................................................................... 19
National conference proceedings ................................................................................................ 19

Chapter 1 - Introduction and literature review .................................................................... 21
1.1 INTRODUCTION ............................................................................................................................... 23
1.2 NATIVE HEART VALVES ..................................................................................................................... 24
1.2.1 Heart valve microstructure ................................................................................................. 25
1.2.2 Valvular cells ....................................................................................................................... 28
1.2.3 Haemodynamic forces experienced by aortic and pulmonary valves ................................. 31
1.3 HEART VALVE DISEASES AND TREATMENT OPTIONS ................................................................................. 34
1.3.1 Heart valve diseases ........................................................................................................... 34
1.3.2 Mechanical valves .............................................................................................................. 35
1.3.3 Bioprosthetic valves ............................................................................................................ 36
1.3.4 The Ross procedure for paediatric patients ........................................................................ 38
1.4 TISSUE ENGINEERING OF HEART VALVES ............................................................................................... 39
1.5 CELL SOURCES FOR HEART VALVE TISSUE ENGINEERING............................................................................ 40
1.6 SCAFFOLDS FOR HEART VALVE TISSUE ENGINEERING ............................................................................... 42
1.6.1 Essential characteristics of heart valve scaffolds ............................................................... 42
1.6.2 Biomaterials used in this thesis .......................................................................................... 46
1.7 STRATEGIES FOR DEVELOPMENT OF TISSUE ENGINEERED HEART VALVES ...................................................... 51
1.7.1 Synthetic polymers as tissue engineered scaffolds ............................................................. 52
1.7.2 Decellularisation to produce heart valve scaffolds ............................................................. 55
1.7.3 Natural polymers as tissue engineering scaffolds .............................................................. 58
1.8 BIOREACTOR TECHNOLOGIES FOR MATURATION OF HEART VALVES ............................................................ 60
1.9 OBJECTIVES .................................................................................................................................... 63

3

Chapter 2- Development of a FCG scaffold to resist cell-mediated contraction............................. 64
2.1 INTRODUCTION ............................................................................................................................... 66
Objectives .................................................................................................................................... 68
2.2 MATERIALS AND METHODS ............................................................................................................... 69
2.2.1 Fabrication and crosslinking of the CG matrix .................................................................... 69
2.2.2 Incorporation of fibrin into the CG matrix .......................................................................... 69
2.2.3 Histological analysis of the FCG scaffold ............................................................................ 71
2.2.4 Characterisation of the FCG scaffold microstructure.......................................................... 71
2.2.5 Mechanical characterisation of the FCG scaffold ............................................................... 71
2.2.6 Cell culture and seeding into the FCG scaffold ................................................................... 72
2.2.7 Histological analysis of cell distribution through the FCG scaffold over time..................... 73
2.2.8 Cell viability analysis ........................................................................................................... 73
2.2.9 Quantification of cell proliferation ..................................................................................... 73
2.2.10 Cell-mediated contraction analysis................................................................................... 74
2.2.11 Statistical analysis ............................................................................................................ 74
2.3 RESULTS ........................................................................................................................................ 75
2.3.1 Analysis of FCG scaffold microstructure ............................................................................. 75
2.3.2 Mechanical characterisation of the FCG scaffold ............................................................... 76
2.3.3 Histological analysis of cell distribution.............................................................................. 77
2.3.4 Cell viability assessment ..................................................................................................... 78
2.3.5 Cell-mediated contraction analysis..................................................................................... 80
2.4 DISCUSSION ................................................................................................................................... 82
2.5. CONCLUSION ................................................................................................................................. 87

Chapter 3- Development of a FCG heart valve shaped scaffold .................................................... 88
3.1 INTRODUCTION ............................................................................................................................... 90
Objectives .................................................................................................................................... 91
3.2 MATERIALS AND METHODS ............................................................................................................... 93
3.2.1 The effect of mould conductivity and freezing temperatures on freeze-drying of a HV
shaped CG matrix ........................................................................................................................ 93
3.2.2 Characterisation of the CG microstructure ......................................................................... 94
3.2.3 Development of a crosslinking methodology - the effect of different solvents .................. 95
3.2.4 Validation of the freeze-drying and crosslinking processes ................................................ 96
3.2.5 Effect of collagen concentration on the pore size, structural and mechanical properties of
HV shaped CG matrices ............................................................................................................... 97
3.2.6 Incorporating fibrin into the HV shaped CG matrix ............................................................ 98
3.2.7 Statistical analysis .............................................................................................................. 99

4

3.3 RESULTS ...................................................................................................................................... 100
3.3.1 The effect of mould conductivity and freezing temperatures on freeze-drying of a HV
shaped CG matrix ...................................................................................................................... 100
3.3.2 Characterisation of the microstructure in HV shaped CG matrices produced using different
moulds and freezing temperatures ........................................................................................... 102
3.3.3 Development of a crosslinking methodology for the HV shaped CG matrix - effect of
different solvents ....................................................................................................................... 105
3.3.4 Validation of an optimised freeze-drying mould .............................................................. 106
3.3.5 Effect of collagen concentration on the structural and mechanical properties of a HV
shaped CG matrix ...................................................................................................................... 110
3.3.6 Incorporation of fibrin into the HV shaped CG matrix ...................................................... 113
3.4 DISCUSSION ................................................................................................................................. 115
3.5 CONCLUSION ................................................................................................................................ 120

Chapter 4 - Dynamic conditioning of a heart valve shaped FCG scaffold to produce a
pulmonary valve substitute ...................................................................................................122
4.1 INTRODUCTION ............................................................................................................................. 124
Objectives .................................................................................................................................. 127
4.2 MATERIALS AND METHODS ............................................................................................................. 129
4.2.1 Cell culture ........................................................................................................................ 129
4.2.2 Fabrication of the FCG constructs..................................................................................... 130
4.2.3 Fabrication of the fibrin-only constructs........................................................................... 131
4.2.4 Bioreactor conditions........................................................................................................ 132
4.2.5 Analysis of cell distribution within the FCG constructs ..................................................... 134
4.2.6 Evaluation of SMC activation ďǇƐƚĂŝŶŝŶŐĨŽƌɲ
-SMA ........................................................ 134
4.2.7 Characterisation of ECM deposition within the FCG constructs ....................................... 135

ϰ͘Ϯ͘ϴǀĂůƵĂƚŝŽŶŽĨƚŚĞ&'ĐŽŶƐƚƌƵĐƚ͛ƐĂďŝůŝƚ
.................. 136
4.2.9 Evaluating the dimensional stability of the FCG constructs and fibrin constructs ............ 138
4.2.10 Assessment of the functionality of the FCG constructs and fibrin constructs ................. 138
4.2.11 Burst strength of the FCG constructs .............................................................................. 139
4.2.12 Assessment of the performance of dynamically conditioned FCG constructs as pulmonary
valve substitutes ........................................................................................................................ 140
4.3 RESULTS ...................................................................................................................................... 143
4.3.1 Cell distribution within the FCG constructs ....................................................................... 143

4.3.2 ǀĂůƵĂƚŝŽŶŽĨ^DĂĐƚŝǀĂƚŝŽŶďǇƐƚĂŝŶŝŶŐĨŽƌ
-SMA ........................................................ 145
4.3.3 Cell-mediated ECM deposition within the FCG constructs ................................................ 146
4.3.4 Evaluation of ability of the FCG construct to sustain an endothelial cell layer ................. 149

5

4.3.5 Dimensional stability of the constructs............................................................................. 151
4.3.6 Assessment of the functionality of the constructs ............................................................ 154
4.3.7 Burst strength of FCG constructs ...................................................................................... 157
4.3.8 Assessment of the performance of the FCG constructs as pulmonary valve substitutes .. 158
4.4 DISCUSSION ................................................................................................................................. 160
4.5 CONCLUSION ................................................................................................................................ 164

Chapter 5 – Discussion ...............................................................................................................166
5.1 OVERVIEW ................................................................................................................................... 167
5.2 CHAPTER 2: DEVELOPMENT OF A FCG SCAFFOLD TO RESIST CELL-MEDIATED CONTRACTION ......................... 170
5.3 CHAPTER 3: DEVELOPMENT OF A FCG HEART VALVE SHAPED SCAFFOLD ................................................... 172
5.4 CHAPTER 4: DYNAMIC CONDITIONING OF A HV SHAPED FCG SCAFFOLD TO PRODUCE A PULMONARY VALVE
SUBSTITUTE

....................................................................................................................................... 175

5.5 FUTURE WORK .............................................................................................................................. 177
5.6 THESIS CONCLUSIONS ..................................................................................................................... 180
References ................................................................................................................................182

6

Nomenclature
ECM

Extra cellular matrix

vEC

Valvular endothelial cells and

vIC

Valvular interstitial cells

mmHg

Millimetres of mercury

dyn/cm2

Dynes per centimetre squared

RGD

Arginine-glycine-aspartic acid

PCL

Poly(ɛ-caprolactone)

PGA

Polyglycolic acid

GAG

Glycosaminoglycan

PLLA or PLA

Poly(L-lactide) acid

PHO

Polyhydroxyoctanoate

PHA

Polyhydroxyalkanoates

P4HB

Poly-4-hydroxybutyrate

PGS

Poly(glycerol sebacate)

PEG

Poly(ethylene glycol)

PEG-dma

PEG-dimethacrylate

PET

Polyethylene terephthalate

PEEK

Poly-etheretherketone

FCG

Fibrin-collagen-glycosaminoglycan

TE

Tissue engineering

DHT

Dehydrothermal

°C

Degrees Celsius

EDAC

1-ethyl-3-(3-dimethylaminopropyl)carbodiimide
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NHS

N-hydroxysuccinimide

PBS

Phosphate buffered saline

TBS

Tris buffered saline

FCG

Fibrin-collagen-glycosaminoglycan

SEM

Scanning electron microscopy

vSMC

Vascular smooth muscle cell

ITS

Insulin, Transferrin, Selenium

HEPES

(4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid),

TES

(N-Tris(hydroxymethyl)methyl-2-aminoethanesulfonic acid

EDTA

Ethylenediaminetetraacetic acid

ANOVA

One-way analysis of variance

ASTM

American Standard Test Method

dsDNA

Double stranded deoxyribonucleic acid

POM

Polyoxymetylene

TEHV

Tissue engineered heart valves

SMCs

Smooth muscle cells

EBM-2

Endothelial cell basal medium

FBS

Fetal bovine serum

α-SMA

α-smooth muscle actin

vWf

von Willebrand factor

H&E

Hematoxylin and eosin

DAPI

4’, 6- diaminido-2-phenylindole

bpm

beats per minute
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Abstract
Valvular heart disease is predicted to be the next cardiac epidemic (d’Arcy et al.,
2011) and valve replacement, using bioprosthetic or mechanical valves, is the only
therapy currently available for treating dysfunctional valves. While these valve
substitutes undoubtedly save lives, they also have well documented limitations and
for paediatric patients, their most debilitating limitation is an inability to grow
concurrently with a growing body. Tissue engineered heart valves (HV) offer the
potential of a valve replacement that can integrate fully with the native vasculature,
facilitating growth and remodelling of the valve over time. However, many tissue
engineering approaches have failed due to cell-mediated contraction, resulting in
valves with leaflets that cannot maintain a tight seal over time. Therefore, the
overall goal of the research presented in this PhD project was to develop a natural
biomaterial scaffold for HV tissue engineering, capable of resisting cell-mediated
contraction.
In the study presented in Chapter 2, a natural biomaterial composite was
developed by reinforcing a fibrin gel with a freeze-dried collagen-glycosaminoglycan
(CG) matrix. The resultant fibrin-collagen-glycosaminoglycan (FCG) scaffold
demonstrated unique mechanical and biological properties and a controlled porous
microstructure. Crucially, the ability of this FCG scaffold to resist cell-mediated
contraction was established, with no change in scaffold dimensions when cultured
with contractile cells. These results showed the potential of this biomaterial for use
in applications where dimensional stability is crucial to the functionality of the
construct.
A biofabrication process was developed in Chapter 3 to scale up this FCG scaffold
into an anatomically accurate HV shape. Freeze-drying has not been previously
used to successfully create a matrix with a large height to width ratio, thus creating
a HV shaped CG matrix was a major challenge. Through control of parameters such
as the mould material, thermal transfer through the mould and final freezing
temperature, a repeatable process to create a HV shaped CG matrix was
established. The collagen concentration of the HV shaped CG matrix was optimised
for HV applications. Fibrin was successfully infiltrated through the porous
14

microstructure of the CG matrix to create a HV shaped version of the FCG scaffold
which demonstrated excellent integration of all components and consistent
mechanical properties between the valve leaflets and wall.
In the final chapter (Chapter 4), a pulmonary valve substitute was developed
through dynamic conditioning of the FCG construct. The application of this dynamic
regime encouraged synthesis of appropriate, aligned, cell-mediated extra cellular
matrix (ECM). Furthermore, when endothelial cells were cultured on the construct,
it enabled the development of an intact endothelial cell layer. In addition, the
leaflets of the FCG construct remained dimensionally stable and functionality
testing demonstrated full coaptation of valve leaflets and unobstructed valve
opening. The burst strength of the FCG construct increased two-fold from its initial
strength, and crucially when tested at pulmonary flow conditions, the FCG
construct passed the performance criteria outlined in ISO 5840-2 for pulmonary
valve substitutes.
In conclusion, this project has led to the development of a FCG scaffold that can
resist cell-mediated contraction, an attribute with many potential applications. The
development of a biofabrication process to create a HV shaped version of this
scaffold has demonstrated for the first time how freeze-drying can be used to
create porous scaffolds with a complex geometry. Finally, the development of a
tissue engineered pulmonary valve substitute through dynamic conditioning of this
FCG scaffold brings us one step closer to the realisation of a clinically relevant tissue
engineered HV and also holds potential as a 3D in vitro model for drug screening,
device testing, and investigation of valvular cell interactions and disease states.
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1.1 Introduction
Valvular heart disease is predicted to be the next cardiac epidemic (d’Arcy et al.,
2011) and accounts for up to 20% of all cardiac surgical procedures (Maganti et al.,
2010). In the US, 1.2% of infants are born with congenital valve defects and need
replacement valves to establish improved blood flow through their hearts
(Mozaffarian et al., 2015; Otto, 2002). Currently, the only approved treatment for
valvular heart disease is valve replacement using commercially available mechanical
or bioprosthetic valves and these are discussed in detail in Section 1.3. While these
valves undoubtedly save lives, increase life expectancy and improve the standard of
living for patients with valvular heart disease, they also have well documented
limitations and for paediatric patients, the most debilitating limitation is their
inability to grow concurrently with a growing body. This requires paediatric patients
to undergo revision surgery due to the size mismatch which develops between the
patient’s heart and the implanted prosthesis (prosthesis-patient mismatch) which
can lead to devastating consequences. Furthermore, while replacement of the
pulmonary valve is performed in over 30% of paediatric congenital cardiac repairs,
no pulmonary bioprosthetic or mechanical valve, has been approved for use
specifically for paediatric patients; all valves have been developed and approved for
adults and are used “off label” for paediatric patients (Hopkins, 2013).
To overcome the limitations of currently available valve replacement therapies, the
focus of prosthetic heart valve research has shifted to the development of living,
tissue engineered valves, capable of growth and remodelling. These tissue
engineered valves would ideally have superior overall functionality to currently
available valves, demonstrate excellent haemodynamics, long durability, high
thromboresistance, while being easily implantable, sensitive to local events and
capable of growth and remodelling. The development of such a valve would
eliminate the need for paediatric patients to undergo multiple revision surgeries.
However, these are difficult criteria to achieve successfully and after approximately
twenty years of research, progress in the development of tissue engineered valves
has met numerous obstacles.
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Two main challenges recur with heart valve tissue engineering strategies: 1)
integration of the heart valve constructs with the native vasculature, 2) lack of
scaffold dimensional stability which results in cell-mediated contraction of
constructs and non-coaptation of valve leaflets. Therefore the focus of this thesis
was the development of a scaffold for heart valve tissue engineering composed of
fibrin, collagen and glycosaminoglycans and subsequent development of a
pulmonary heart valve using that scaffold. We proposed that as the scaffold was
comprised of natural materials which are capable of integration with the native
vasculature, that this scaffold would facilitate cellular proliferation and cellmediated synthesis of extra cellular matrix (ECM), while a key goal was to ensure
that it would remain dimensionally stable and resistant to cell-mediated
contraction when infiltrated with cells. The research described in this thesis brings
us a step closer to the realisation of a clinically relevant tissue engineered heart
valve and has successfully developed a natural biomaterial scaffold capable of
resisting cell-mediated contraction which achieves the performance requirements
required for clinical use as a pulmonary valve substitute.

1.2 Native heart valves
The heart is the engine of the body and by beating over 100,000 times a day it
continuously delivers oxygenated blood throughout the entire vasculature (Snell,
2011). The valves of the heart ensure that this process is controlled and efficient by
performing a deceptively simple physiological function - preventing blood from
regurgitating through the heart. The aortic and pulmonary valves are located at the
base of the aorta and the pulmonary trunk respectively and they modulate the flow
of blood from their respective ventricle into these arteries. Initially, when the heart
muscle contracts, the pressure inside the ventricle becomes higher than in the
corresponding artery, and the leaflets of the aortic and pulmonary valves are
pushed open. Subsequently, the heart relaxes, and the three leaflets of the valve
come together, preventing blood from regurgitating back into the ventricle (Faller
and Schuenke, 2004). In contrast, the mitral valve, which controls the flow of blood
from the left atrium into the left ventricle, is activated through chordae tendineae
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and papillary muscles, which are connected to the inside of the ventricle itself
Figure 1.1. As the heart muscle relaxes, the chordae tendineae pull the leaflets
downwards into an open position, to allow blood into the ventricle. The tricuspid
valve operates in a similar way, controlling the blood flow between the right atrium
and right ventricle; however, as its name implies, the tricuspid valve has three
leaflets whereas the mitral valve only has two. Due to the asymmetrical shape and
the tethering effect of the chordae tendineae of the mitral and tricuspid valves, this
thesis will focus on the aortic and pulmonary valves which have a simpler
mechanism of opening. While the research presented here may in time be
applicable to the mitral and tricuspid valves, these valves are not the focus of this
thesis.

Figure 1.1 A schematic of the heart.The positioning of each of the heart valves and chambers within
the heart is shown. Image courtesy of the Cleveland Clinic.org.

1.2.1 Heart valve microstructure
The microstructure of the aortic and pulmonary valves are remarkably similar. Both
have three leaflets, or cusps, which coapt (come together) to prevent the
regurgitation of blood through the valve (Figure 1.2 a, b, c). The aortic valve is
identified by the presence of two coronary artery ostioles (Figure 1.2 b) yielding a
25

left coronary, a right coronary, and a non-coronary leaflet. While each of these
leaflets tend to have the same coapting heights, the right coronary leaflet is the
widest of the leaflets (Rock et al., 2014) and there are subtle structural differences
observed between the leaflets. Despite the fact that healthy human leaflets are thin
(< 1mm) they are made up of three distinct layers including the fibrosa, spongiosa
and ventricularis, each of which has unique characteristics and functions (Figure 1.2
d, e). This anisotropic tri-layered structure facilitates the flexibility necessary to
withstand the huge forces exerted on it during each cardiac cycle and this is
discussed in more detail in Section 1.2.3.

Figure 1.2 Schematic diagrams of the aortic valve.
(a) Side section view of aortic valve in the heart.
(b) Top view of aortic valve (seen from aortic side) showing each of the coronary ostioles. (c) Side
view of splayed-open valve showing semilunar shape of cusps. (d) Section view through the cusp and
aortic wall showing the three-layered structure of the cusp. (e) Three cusp layers - fibrosa, spongiosa,
and ventricularis showing their predominant fibril orientations. Taken from (Jana et al., 2014).
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The fibrosa is the layer of tissue facing the arterial side of the aortic and pulmonary
valves and it is the main load carrying structure within the leaflet. It primarily
consists of circumferentially arranged dense bundles of collagen type I in a matrix
of elastin. Elastin fibres form a mesh surrounding the collagen fibres, and give the
leaflets the ability to crimp during opening of the valve (Figure 1.2 d, e) (Merryman
et al., 2006a; Taylor et al., 2006; Tseng and Grande-Allen, 2009). As the valve closes,
bundles of collagen fibres align in the direction of stress and then straighten,
becoming taut, resisting the transvalvular pressure across the valve leaflets. Due to
the circumferential arrangement of the collagen, extension is limited in the
circumferential direction, and the tissue mainly extends in the radial direction when
the valve is loaded. This crimping and uncrimping action is influenced not only by
the haemodynamics the leaflet is exposed to, but also by a range of different
vasoactive agents which act upon the cells throughout the valve (Chester and
Taylor, 2007).
The spongiosa is the middle layer of the leaflet and its main function is to allow the
fibrosa and ventricularis to shear relative to each other as the valve opens and
closes. This shearing confers flexibility to the leaflet by permitting the ventricularis
in tension to slide past the fibrosa in compression, facilitating the dynamic motion
of the leaflet (Tseng and Grande-Allen, 2009). This shearing motion is facilitated by
loosely arranged collagen fibres which connect the fibrosa to the ventricularis. The
spongiosa through which these fibres pass predominantly contains proteoglycans
and glycosaminoglycans, which absorb water and add to the overall elasticity of the
tissue (Merryman et al., 2006a; F J Schoen, 1997; Taylor et al., 2006). However,
recent studies have shown that while this glycosaminoglycan rich layer has no
effect on extensional mechanical properties including peak stretch, hysteresis and
creep under planar tension, it may have a role in providing both a damping
mechanism to reduce leaflet flutter during systolic flow and compressive resistance
to the pressures experienced during diastole (Eckert et al., 2012). It is estimated
that 80% of the glycosaminoglycans present in the spongiosa are hyaluronic acid
and chondroitin sulphate, with dermatan sulphate and a minimal amount of
heparan sulphate accounting for the remainder (Alfonso et al., 2013; Grande-Allen
et al., 2003; Murata, 1981; Ramamurthi and Vesely, 2005).
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The ventricularis, positioned on the ventricular side of the aortic and pulmonary
valves is the thinnest of all three layers and is composed of a sheet of dense,
radially aligned elastin fibres and circumferentially aligned collagen (Taylor et al.,
2006). While this circumferentially aligned collagen has a less well organised
structure than in the fibrosa, here it still dictates the layer’s mechanical behaviour
in the circumferential direction (Merryman et al., 2006a; Taylor et al., 2006; Tseng
and Grande-Allen, 2009); however, it is the elastin in the ventricularis which
restores the fibrosa to its original folded and crimped configuration after the
stretch induced by opening (Balguid et al., 2007; F J Schoen, 1997; Vesely, 1997).
Adult aortic valves also have more elastin than pulmonary valves, due in part to the
higher forces the aortic valves are exposed to (Aikawa et al., 2006). However, the
aging process also causes changes in the valves; collagen fibres become more
aligned and elastin content often increases in the aortic valve, leading to a change
in distribution of stresses within the valve tissue (Bowler and Merryman, 2015). It is
unclear whether these are a precursor, or a result of, other changes at the cellular
level.

1.2.2 Valvular cells
Healthy aortic and pulmonary leaflets have two predominant cell types: valvular
endothelial cells (vEC) and valvular interstitial cells (vIC) both of which are
responsive to changes in their haemodynamic environment (Figures 1.3 and 1.4).
vECs form a monolayer on the exterior of the valve leaflets which protects the valve
from thrombosis and inflammation, as well as transmitting biomechanical and
biochemical signals to the underlying vICs. At a basic structural and functional level
the valvular and vascular endothelium appear similar, although comparisons in
static culture have identified hundreds of significantly different genes, suggesting
that vECs are a distinct endothelial phenotype (Butcher and Nerem, 2004).
Additionally, when examined in dynamic culture the response of valvular and
vascular endothelial cells to flow and pressure is different (Butcher et al., 2006). For
example, in response to fluid shear stress, arterial endothelial cells align in the
direction of flow, whereas vECs align perpendicular to flow (Schoen, 2008). This
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may be because the circumferential tensile stretch applied when the leaflet is
closed, is greater in magnitude, and therefore the predominant force that the vECs
acknowledge. The transcriptional gene expression profile of vascular (aortic)
endothelial cells and aortic vECs also differs when exposed to the same mechanical
environment. In fact, even different transcriptional profiles are expressed by the
endothelium on the outflow and inflow surfaces of the valve, a reflection of the fact
that they are exposed to separate patterns of flow and pressure (Butcher et al.,
2006; Chester and Taylor, 2007). Some investigators have hypothesized that these
differences may contribute to the typical localisation of pathological calcification
near the outflow surface of the aortic valve in diseased valves (Simmons et al.,
2005).

Figure 1.3 The tri-layered structure of the valve leaflets contains vICs and is enveloped with a vEC
layer on each side.(A) The tri-layered structure contains different proteins; elastin is stained in green
and shown to be the predominant protein within the ventricularis, the spongiosa contains
proteoglycan containing glycosaminoglycans and the fibrosa is a collagenous layer with a distinct
alignment of collagen fibres, stained here in red. (B) The cells within the valve leaflet are oblivious to
the tri-layered structure with vICs present throughout each layer. The aortic and ventricular edges of
the valve leaflet contain vECs, creating a non-thrombogenic layer (stained here in green). All cell
nuclei are stained with a blue DAPI stain. Scale bar is 100 µm. Image adapted from (Wang et al.,
2014).

vICs are the most prevalent cells in the heart valve and are found in all three layers
of the valve. They express a complex pattern of cell-surface, cytoskeletal and
muscle proteins and are able to bind to and communicate with each other and the
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ECM. No unique biomarker has been found to identify vICs and while they are
predominantly a fibroblastic cell type, they have a dynamic and reversible
phenotype. This attribute is essential to facilitate remodelling and ECM synthesis
during times of development and repair in vivo (Liu et al., 2007).

Figure 1.4 Aortic valve functional structure at macroscopic and microscopic levels.
(A) Outflow
aspect of aortic valve in open (top) and closed (bottom) configurations, corresponding to systole and
diastole, respectively. (B) Schematic representation of architecture and configuration of aortic valve
cusp in cross section and of collagen and elastin in systole and diastole. (C) Schematic diagram of the
detailed cellular and extracellular matrix architecture of a normal aortic valve. (D) Tissue architecture
emphasizing three major layers: ventricularis, spongiosa, and fibrosa. Valvular interstitial cells (vICs)
are denoted by arrows. The outflow surface is at the top. Original magnification: 100×. Hematoxylin
and eosin stain. Adapted from (Duan et al., 2014; Rajamannan et al., 2011; Frederick J. Schoen, 1997;
Schoen, 2012)
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While these complex cells exhibit plasticity and convert from one form to another,
the micro-environmental stimuli that drive phenotypic changes are not fully
elucidated. It is probable that there are a number of independent signalling
pathways, together with mechanical stimuli, which either act in a cooperative
manner or merely converge to induce phenotypic changes in valvular cells (Latif et
al., 2007; Liu et al., 2007; Wyss et al., 2012). For example, vECs have been shown to
translate mechanical stresses onto vICs through nitric oxide, vasodilatory
prostanoids and endothelin-1 (Liu et al., 2007). Additionally, some of the
consequences of mechanical stimuli have been captured for example, at birth, after
separation of the single fetal circulation into isolated pulmonary and systemic
circulations, pulmonary arterial pressure decreases and aortic pressure increases.
This results in changes to transvalvular pressure across both the aortic and
pulmonary valves. These haemodynamic changes have been shown to result in
decreased vIC activation within pulmonary valves and increased vIC activation
within aortic valves (Aikawa et al., 2006). In valves of older children, the numbers of
activated vIC were similar in both pulmonary and aortic locations, which suggests
that heart valve cells adapt to the pulmonary and systemic circulations over time.
Correspondingly, the stiffness of aortic vICs has been found to be higher than
pulmonary vICs, due in part to different transvalvular pressures each are exposed to
in vivo (Merryman et al., 2007). Porcine hearts and heart valves are both
anatomically and physiologically similar to humans and much research has been
conducted using porcine vICs as an in vitro model of human vIC function and
phenotype (Bowler and Merryman, 2015). However, the detailed mechanisms that
regulate valvular cells are yet to be clarified.

1.2.3 Haemodynamic forces experienced by aortic and pulmonary valves
Heart valves were originally assumed to be passive structures that moved due to
external blood forces; however, it is now understood that they are complex tissues
where the health and function of the valve is dependent on the relationship
between valvular cells, ECM structures, and their mechanical environment. The
valve leaflet microstructure has developed to be anisotropic and heterogeneous to
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withstand the forces experienced during systole and diastole; these include flexure
during opening and closure, shear stress from flowing blood when opened, planar
tension when closed, and exposure to a range of pressures (Merryman et al.,
2006a). Native heart valves also have an incredible fatigue strength; they open and
close with every heartbeat, over three billion times across the average lifespan
(Parvin Nejad et al., 2016) and while there are similarities between the aortic and
pulmonary valves, each has a unique haemodynamic profile.
The pressure acting on the valve leaflets is usually estimated in terms of stresses
assuming the tissue to be homogeneous, but in reality, the leaflet is
inhomogeneous, anisotropic, nonlinear, and viscoelastic with a complex geometry
(Balachandran et al., 2011; Oomen et al., 2015). In fact, there is also a mechanical
contribution to the valve from the cells contained within the ECM of the leaflet
(Merryman et al., 2006b). During peak systole, maximum blood velocity through the
aortic valve is normally 1.2 m/s (Yoganathan, 1988), with the ventricularis exposed
to laminar, high-shear stress of approximately 70 dyn/cm2 (Yap et al., 2012a,
2012b). The aortic side of the valve experiences turbulent, but unidirectional shear
stress up to 15 dyn/cm2, as the forward flow of blood through the valve also
vortices into the sinuses, perfusing blood through the coronary arteries (Yap et al.,
2012a). These processes expose the valve structures to a range of pressures (Figure
1.5 A). On the arterial side of the aortic valve, pressure rarely falls below 80 mmHg
due to the pressure culminating from the high volume of blood being pushed
through the vasculature, and this pressure increases to 120 mmHg during the
systolic phase of the heartbeat. While on the ventricular side of the valve, pressure
ranges from 15 mmHg during systole, to 120 mmHg when the valve is closed, during
diastole (Figure 1.5 B). Therefore, the leaflets of the aortic valve are also exposed to
a large pressure differential (transvalvular pressure) across the valve itself, and
under normal physiological conditions the closed aortic valve supports a
transvalvular pressure of approximately 80 to 120 mmHg acting perpendicular to
the leaflet area. During diastole, the valve leaflets also experience a tensile stretch,
which stretches the elastin within the ventricularis layer, while the crimp and
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uncrimp action of the collagen heavy fibrosa layer enables opening and closing of
the leaflet (Figure 1.5 B).

Figure 1.5 Schematic of mechanical forces experienced by the aortic valve during the cardiac cycle.
(A) The forces experienced by the valve leaflets during peak systole and (B) peak diastole. Insets
depict qualitatively the effect of these forces on valve cells. Adapted from (Balachandran et al.,
2011).

In the pulmonary valve, typical maximum blood velocities through the valve are
reported as approximately 0.75 m/s in healthy adults and 0.9 m/s in children
(Parvin Nejad et al., 2016). Shear stresses in the pulmonary valve are still not
precisely known, but the side-specific patterns are consistent with those of the
aortic valve, with the absence of the sinus flow (Hasan et al., 2014). Similarly, the
pulmonary valve is exposed to a smaller pressure range on each side of the valve (a
maximum of 15 to 30 mmHg on the pulmonary arterial side and 3 to 8 mmHg on
the ventricular side) and the corresponding transvalvular pressures are also less.
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1.3 Heart valve diseases and treatment options
1.3.1 Heart valve diseases
In the western world, 2.5% of the population have a dysfunctional or diseased valve
(Mozaffarian et al., 2015) with valvular stenosis and valvular regurgitation being the
predominant manifestations of valvular heart disease. Valvular stenosis is
characterised by progressive calcification and thickening of leaflets over time, which
narrow the opening for blood to pass through. As the severity of the stenosis
progresses, the ventricle becomes less compliant and diastolic pressure rises within
it. The pathophysiological development of valvular stenosis is yet to be fully
characterised, but its most common symptom is shortness of breath during exercise
or decreased exercise tolerance, due to the inability of the heart to adequately
increase stroke volume to meet increased demands (Carabello and Paulus, 2009).
The second indicator of valvular disease, valvular regurgitation, is defined by noncoaptation or separation of valve leaflets, in which a portion of the ventricular
forward stroke volume returns to the ventricle during diastole. For patients with
valvular regurgitation, their ventricle becomes overloaded with blood and there is
an associated increase in pressure. Standard diagnosis includes assessment of
leaflet anatomy and the extent of valvular calcification using two-dimensional and
Doppler echocardiography. This provides a snapshot of ventricular hypertrophy,
diastolic dysfunction, together with regional and global systolic function and
calculation of ejection fraction which can be repeated annually to evaluate disease
progression (Freeman, 2005). Aortic valve disease most commonly presents as
calcific aortic valve stenosis together with regurgitation in older people, while the
presence of a congenital bicuspid aortic valve predisposes the patient to these
complaints at an earlier age. Pulmonary valve disease is most commonly related to
congenital abnormalities and tends to present early in life (Alsoufi, 2014; Hopkins
and Lofland, 2013).
Rheumatic heart disease is an acquired complication of an untreated streptococcal
throat infection, which disrupts the layered architecture of the native valve causing
neovascularisation, chronic inflammation, thickening, and calcification of the valve
tissue (Carapetis et al., 2000; Mahler and Butcher, 2011). It remains the most
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common cause of severe aortic regurgitation worldwide and tends to affect
younger individuals, with some estimates indicating that in the developing world,
more than 3% of the population under 18 show symptoms of valvular heart disease
as a result of rheumatic fever (Marijon et al., 2009). However, congenital
malformations and diseases involving the aortic root and ascending aorta have
become more frequent causes of aortic regurgitation in the developed world
(Mozaffarian et al., 2015). In the US, 1.2% of infants are born with congenital valve
defects and need replacement valves to establish improved blood flow through
their hearts (Mozaffarian et al., 2015; Otto, 2002). For paediatric patients, the most
debilitating limitation of currently available valve prostheses is the inability of
commercially available valve substitutes to grow in tandem with a growing body.
This can cause prosthesis-patient mismatch which occurs when the effective orifice
area of a valve substitute is too small in relation to the patient’s body size (and
therefore cardiac output requirements). This can result in adverse cardiac events
and an increased risk of mortality (Alsoufi, 2014). Therefore, patients undergo
revision surgery dependant on their rate of growth; however, there is a measured
increase in mortality with each operation performed.

1.3.2 Mechanical valves
Mechanical valves are commercial valve substitutes manufactured from metal and
polymer components, designed to mimic the function of native valves. Mechanical
valves open and close, oblivious to the local pressures and the regulating nature of
biomechanical forces on the cells in the surrounding tissues (Figure 1.6). Since the
1950’s, a number of mechanical valve designs have been approved for use including
caged-ball, tilting-disk, and bi-leaflet valves but today, the bi-leaflet valves are the
most common mechanical valves due to their superior biomechanical function
when compared to the other designs. However, when compared to the native
valves, bi-leaflet valves still exhibit poor haemodynamics due to their complex
hinge geometries and leaflet components which remain in the flow path during
systole. The consequences of this are a higher than physiological shear stress in the
patient’s vasculature and subsequent associated thrombogenicity. Patients
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therefore are required to take anti-coagulant drugs indefinitely and there are
significant risks of complications with this therapy with a 2–5% annually cumulative
risk of serious bleeding events through haemorrhage, stroke, and infarction
(Hjortnaes et al., 2009; Schoen, 2011). Additionally, anti-coagulation in children can
be challenging due to activity restraints placed on the patient and the lack of
compliance in taking the medication (Pibarot and Dumesnil, 2009). Subsequently,
patients who cannot take anti-coagulant therapy are given a bioprosthetic valve.

Figure 1.6 Composite image of examples of -leaflet
bi
mechanical valves from the major
manufacturers (Medtronic, St. Jude Medical, Sorin Group and-XOn
Life Technologies).
Bi-leaflet
mechanical

valves

are

generally

made

from

pyrolytic

carbon

with

a

polyester

or

polytetrafluoroethylene sewing cuff. Tungsten rings are included for visualisation during surgery.
Modified from (Kheradvar et al., 2014)

1.3.3 Bioprosthetic valves
Currently available bioprosthetic valves possess a geometry and a structure with
suitable mechanical and physiological haemodynamics to immediately function
upon implantation. These bioprostheses include xenografts (from another species,
generally pigs, cows and sheep) and allografts (from another person) depleted of
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cells and cellular components using decellularisation protocols. Bioprostheses are
typically fabricated by mounting heart valve leaflets or sheets of pericardium inside
or outside a supporting stent or frame (Pibarot and Dumesnil, 2009) (Figure 1.7).

Figure 1.7 A composite of bioprosthetic valves from each of the four major manufacturers
(Edwards Lifesciences, Medtronic, St Jude,
orinS Group). Bioprosthetic valves are generally
glutaraldehyde fixed, decellularised porcine or bovine tissue, mounted within a synthetic annulus.
The shape of the annulus varies depending on the design. Stents are often incorporated to provide a
sutureless solution for minimally invasive delivery of the device. Adapted from (Pibarot and Dumesnil,
2009).

Decellularisation and fixation of bioprostheses involves the use of gluteraldehyde
which masks their immunogenic epitopes, reducing the risk of an immunogenic
reaction. However, this also blocks subsequent cellular ingrowth and depletes the
tissue of glycosaminoglycans, making gluteraldehyde treated valves prone to
calcification and structural valve deterioration; this eventually leads to failure of the
prosthesis. Unfortunately, structural deterioration is more aggressive in younger
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patients (Table 1.1) and correspondingly, the current guidelines by the European
Association Cardiothoracic Surgery/ European Society of Cardiology suggest
implanting aortic bioprostheses in patients greater than 65 years, whose lifespan is
estimated to be lower than the durability of the valve substitute.



Table 1.1 The lifespan of bioprosthetic valves in the aortic position as a function of the age of the
patient. Reproduced from(Hoffmann et al., 2008).

The major limitations of currently available prostheses is their failure to remodel
and grow with the patient. Due to the limited fatigue life of both mechanical and
biological valves, replacement of the valve is required once it begins to structurally
deteriorate. Revision surgery is also required when prosthesis-patient mismatch
becomes a critical issue. Patients face multiple surgeries because of these
problems, with each revision increasing the risk of mortality. For paediatric patients
who are given a prosthetic valve at an early age, this is a significant limitation of
treatment.

1.3.4 The Ross procedure for paediatric patients
For suitable patients, when a replacement aortic valve is needed, the native
pulmonary valve can be placed in the aortic valve position and a prosthetic valve
implanted in the pulmonary position; this surgery is known as the Ross procedure
as it was first performed by Dr. Donald Ross, in 1967. While the Ross procedure has
gained widespread acceptance for the treatment of aortic valve disease in young
patients, there remains a significant risk of pathological aortic root dilatation
(enlargement), rather than actual growth within the patient’s heart (Alsoufi, 2014;
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Butcher et al., 2011; Kouchoukos et al., 2004). This can lead to early valve
insufficiency, aortic aneurysm and premature revision surgery. Although associated
with clear survival advantage over other procedures for paediatric patients,
operative mortality for Ross is the highest in that subgroup of patients, especially if
associated mitral valve or aortic arch surgery is required. Indeed, the success of the
Ross procedure is very dependent on surgical skill, whether the patient has had
previous cardiac intervention, the age of the child and co-morbidities (Alsoufi,
2014). Another limitation of this treatment is the need for a prosthetic valve in the
pulmonary position, which incorporates all the problems described in Section 1.3.2.
This is compounded by the fact that there are no pulmonary valves specifically
designed for paediatric patients (Hopkins and Lofland, 2013).
To overcome the limitations of currently available replacement therapies, the focus
of prosthetic heart valve research has shifted to the development of living, tissue
engineered valves, capable of growth and remodelling.

1.4 Tissue engineering of heart valves
Tissue engineering is defined as “the application of scientific principles to the
design, construction, modification, growth and maintenance of living tissue”
(Vesely, 2005). Typically tissue engineering consists of three building blocks which
function synergistically to enable new functional tissue growth either in vitro or in
vivo: (1) a scaffold which becomes the template upon which neotissue develops, (2)
cells which synthesise new ECM onto the scaffold creating this new tissue, and (3)
signals from growth factors or through mechanotransduction which helps direct
ECM synthesis and subsequent tissue formation. An ideal tissue engineered heart
valve would be a living valve replacement capable of responding to the biochemical
and biophysical cues that a native healthy valve responds to.
For heart valve tissue engineering, one of the central problems is fabricating
scaffolds into a heart valve geometry while maintaining the bioactivity and
microstructure of the scaffold material. An additional challenge is ensuring
coaptation of valve leaflets, as many tissue engineered valves do not maintain
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dimensional stability due to cell-mediated contraction of the scaffold. Another
fundamental concern is identifying the optimal cell source to use. Native vICs and
vECs are an impractical choice as there are no existing healthy sources of these
cells. If a suitable scaffold and cell source are assimilated into a valve construct,
dynamic conditioning is frequently used to mature the construct. To date, progress
has been made in the development of bioreactors which aid in the maturation of
valve constructs but the optimal conditioning regime is dependent on a multitude
of factors, including scaffold and cell choice (Parvin Nejad et al., 2016). While
progress has been made in this field, many questions and challenges remain.
The research presented in this thesis focused on the development of a tissue
engineered pulmonary heart valve, which initially involved the development of a
novel, dimensionally stable fibrin-collagen-glycosaminoglycan scaffold (Chapter 2)
and subsequently scaling up the fabrication process into a heart valve shape
(Chapter 3). Next the feasibility of this scaffold to act as a pulmonary valve
substitute following in vitro maturation in a bioreactor was established (Chapter 4).
In the following sections the main components for this tissue engineering approach
are outlined. Suitable cell sources for heart valve tissue engineering, and the cell
sources used in this project are outlined in Section 1.5. Next, essential scaffold
requirements and scaffold materials used in this PhD project are described in
Section 1.6. Subsequently, a review of tissue engineering strategies proposed in the
literature is discussed in Section 1.7 and finally, the application of bioreactor
technologies for maturation of tissue engineered heart valves in vitro is discussed in
Section 1.8.

1.5 Cell sources for heart valve tissue engineering
For heart valve tissue engineering, acquiring healthy human vECs and vICs is not
feasible, so an alternative source of suitable cells must be found. While multiple cell
sources have been examined, thus far none have proven optimal for this purpose
(Jana et al., 2015). The ideal cell types should be acquired non-surgically, exhibit
fast expansion in vitro and respond appropriately to the biomechanical and
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biochemical signals within the heart valve environment to enhance a regenerative
response. The long term function of the cells is also important, as the valve must
not become predisposed to disease through over-synthesis of ECM, as this would
lead to dysfunctional leaflet mechanics.
Stem cells are a potential cell source for heart valve tissue engineering. Different
sources of stem cells, such as bone marrow (Hoerstrup et al., 2000a), adipose tissue
(Colazzo et al., 2011), amniotic fluid (Schmidt et al., 2007), chorionic villi (Schmidt et
al., 2006), endothelial progenitor cells from peripheral blood (Cebotari et al., 2006;
Sales et al., 2010) and umbilical cord blood (Sodian et al., 2010), have been used for
this application and all have produced an interstitial cell phenotype, capable of
synthesising ECM. However, while the number of progenitor and stem cell sources
investigated to date is vast, due to the lack of a satisfactory biomarker to classify
vICs, producing valvular type cells from stem cells remains an inconclusive task with
an undefined endpoint. Additionally, there are no indications as to the mechanisms
that control the differentiation of stem cells into a valvular lineage (Duan et al.,
2014). Interestingly, circulating endothelial progenitor cells have demonstrated the
potential to act as both vICs and vECs and could potentially serve as a single-cell
source for tissue engineered heart valves (Sales et al., 2010). Vascular endothelial
cells have also shown promise and when incubated and conditioned on a synthetic
heart valve scaffold and demonstrated a uniform endothelial layer when explanted
from a lamb model after 20 weeks of culture (Hoerstrup et al., 2000a). However,
whether these were the original cells or an invading host cell source was not
investigated. Many questions thus remain as to the ideal source of endothelial cells,
as the biochemical signalling between the endothelial cells and the vICs, together
with the reaction of the endothelial cells to the in vivo haemodynamic environment
will have a large influence on the long term valve function.
Fully differentiated cells may pose a lower risk of dedifferentiation into pathological
phenotypes, and the umbilical cord matrix is an excellent source of mature
autologous cells that can be acquired non-invasively and have potential for heart
valve tissue engineering (Moreira et al., 2016, 2015, 2014). In high-risk pregnancies
fetal echocardiography can be used to identify congenital cardiac defects before
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birth. This knowledge may then result in the preservation of the umbilical cord at
birth and the subsequent isolation of autologous cells which could be expanded in
vitro, and cryopreserved until the requisite time for the child’s surgery. This would
create an autologous cell source for heart valve repair. These primary human cells
are the cell source used in Chapters 4 and 5 of this thesis.
In Chapter 2 of this thesis, a human aortic smooth muscle cell line has been used to
characterise the bioactivity and dimensional stability of the developed scaffold.
These contractile smooth muscle cells are primarily responsible for the ability of the
human body to actively alter the diameter of vasculature through contraction,
which leads to precise control over the volume and pressure of blood delivered to
the tissues of the body. Hence, they have a contractile phenotype, an attribute
which is ideal to assess the ability of the developed scaffold to resist cell-mediated
contraction.

1.6 Scaffolds for heart valve tissue engineering
1.6.1 Essential characteristics of heart valve scaffolds
Scaffolds for tissue engineering are essentially equivalent to the ECM of developed
tissues and provide structural support and potentially biochemical cues to cells.
While it is important to be able to fabricate scaffolds into a desired shape, the
foremost attribute of a scaffold must be biocompatibility. In this section the
essential requirements of scaffolds for heart valve tissue engineering are outlined,
with a focus on the difference in characteristics between synthetic and natural
polymer derived biomaterials.
The implantation of any biomaterial in vivo will prompt different responses
depending on its composition and surface characteristics. An ideal scaffold will fully
resorb into the body, allowing full regeneration of tissue; however, depending on
the scaffold’s toxicity and biological activity, implantation in vivo may result in some
level of integration of the scaffold with the surrounding tissue. If the scaffold is
biologically inactive it may be encapsulated by a fibrous capsule in vivo resulting in
no new healthy tissue formation. In the worst case scenario, rejection of the
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scaffold and necrosis of the surrounding tissue can ensue (Lyons et al., 2008;
Williams, 2008). Scaffolds can be fabricated using a range of techniques, and while
synthetic materials are easily manipulated to create complex geometries, the harsh
processing conditions typically utilised can produce a material which does not easily
integrate with the body due to lack of bioactivity or residual toxic materials
(Hollister, 2005). An ideal tissue engineered heart valve should integrate fully with
the body to the point where there is no distinction between implanted and
naturally synthesised tissue. This may then facilitate natural growth and
remodelling of the tissue. Therefore, the chemical make-up and bioactivity of the
scaffold requires careful consideration.
To elicit a positive interaction with cells, a scaffold should have appropriate surface
chemistry and biocompatibility to allow for cellular attachment, differentiation and
proliferation. Cells primarily bind to scaffolds via chemical groups on the material
surface, such as the arginine-glycine-aspartic acid (RGD) cell adhesion ligand. Unless
specifically added, synthetic materials lack these ligands thus limiting the ability of
cells to attach; this results in a material that is biologically inactive (Lyons et al.,
2008; Williams, 2008). In contrast, natural polymers retain their ligands ensuring
improved biocompatibility in vivo and enhanced bioactivity (Malafaya et al., 2007).
However, some manufacturing processes can affect the bioactivity of natural
polymer-derived scaffolds.
A central requirement for tissue engineering scaffolds is they must possess
sufficient porosity (percentage of void space) and an open and interconnected pore
network to ensure mass transport of nutrients, waste products and cells through
the structure (Freyman et al., 2001). In the absence of adequate diffusion, necrosis
of cells within the scaffold can occur (Ko et al., 2007; Novosel et al., 2011). Another
attribute to consider is the scaffold pore size; the pore diameter must be large
enough to allow infiltration of the cells towards the centre of the scaffold, while
being small enough to present sufficient ligand density for cellular attachment. As
strategies for heart valve tissue engineering generally require maturation of the
valve construct in vitro using dynamic conditioning (Gandaglia et al., 2011), a
balance must be struck between the scaffold porosity (to ensure adequate diffusion
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to embedded cells) and its permeability, which cannot compromise the construct’s
functionality as a valve. While synthetic materials can be manipulated into a vast
array of geometries with specific porous microstructures, albeit often through the
use of harsh fabrication processes, many of these same methods cannot be used
for natural materials, if bioactivity of the material is to be preserved (Hinton et al.,
2015; Hollister, 2005; Koens et al., 2011; Zeugolis et al., 2008).
Depending on the biomaterial from which the scaffold is derived, manipulation of
scaffold mechanical properties can be achieved through specific fabrication
approaches or post-fabrication chemical methods. All tissue engineering scaffolds
should have adequate integrity to withstand surgical handling and subsequent
implantation.

Additionally,

there

is

an

undisputed

link

between

mechanotransductive pathways activated through scaffold stiffness and cellular
activity, which over time may induce calcification of the tissue (Engler et al., 2006;
Haugh et al., 2011) therefore, scaffold stiffness at the pore strut-cell size scale
should be considered when specifying mechanical properties of scaffolds (Harley et
al., 2007). The manipulation of natural material mechanical properties is more
challenging than with synthetic materials, and while crosslinking techniques can be
used to provide biomaterials with a range of mechanical properties, the subsequent
risk of cytotoxicity and hydrolysis of the crosslinked material needs full evaluation
(Cao et al., 2016; González Seligra et al., 2016; Haugh et al., 2011; Micheels et al.,
2016). For heart valve tissue engineering, dimensional stability of the scaffold is
imperative, as if the dimensions of the scaffold change and prevent the coaptation
of the leaflets, the functionality of the construct is reduced. This lack of scaffold
dimensional stability is a major issue within heart valve tissue engineering (Cheung
et al., 2015) and is a primary focus of the research presented in this thesis.
Over time in vivo, polymeric biomaterials can be broken down via four main
degradation mechanisms: hydrolysis, oxidation (due to oxidants produced by
tissues), enzymatic degradation and physical degradation (Generali et al., 2014).
Different factors influence the degradation kinetics, including stress and strain on
the construct, site of implantation, hydrophobicity, molar mass and density of the
polymer, crystallinity and polymer chain orientation (Generali et al., 2014). In terms
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of the distribution of stress throughout the scaffold, it is desirable for a gradual
transfer of load from the scaffold to the neotissue and this is best achieved with
slow scaffold degradation, at a rate consistent with new tissue formation.
Additionally, it has been found that slower degrading scaffolds show more promise
in vitro as they encourage synthesis of organised ECM-rich constructs, while
retaining their original geometry (Brugmans et al., 2016). Synthetic materials are
typically designed to degrade over a set time period; for example, poly(ɛcaprolactone) (PCL) takes years to degrade while polyglycolic acid (PGA) degrades in
weeks. However, this pre-set bulk degradation is not influenced by the maturity of
the surrounding cell-synthesised ECM and thus, over time, may contribute to total
failure of the tissue (Stock et al., 2000).
The degradation by-products of synthetic materials can induce damaging proinflammatory responses in vivo, inducing a foreign body reaction that encapsulates
the biomaterial in a fibrotic capsule, preventing tissue regeneration. Incomplete
degradation of polymer scaffolds can also induce this response (Cheung et al.,
2015). Furthermore, due to the release of acidic by-products during the
degradation of synthetic polymers, acidification of local tissues can occur,
potentially leading to apoptosis of cells throughout the matrix (Busa and Nuccitelli,
1984; Monfoulet et al., 2014; Sung et al., 2004; Ulery et al., 2011). In contrast, one
of the distinct advantages of natural scaffolds is that the primary mechanism of
degradation is mediated by a family of enzymes, the matrix metalloproteinases, and
their natural inhibitors, the tissue inhibitors of metalloproteinases (Flanagan and
Pandit, 2003). The balance of activity between these sets of proteins control
scaffold remodelling (Stock et al., 2000) and remodelling within native tissues
(Flanagan and Pandit, 2003). In natural material scaffolds, remodelling can be
locally driven, ensuring that it is based on maturity of the neotissue.
In summary, tissue engineered scaffolds have many requirements and while
synthetic materials can be fabricated and manipulated using a range of techniques
the bioactivity of natural materials can be compromised using many of the same
methods. In spite of this, considering the essential characteristics of the ideal heart
valve scaffold, we believe the use of natural materials presents a more appropriate
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choice for functional tissue engineered heart valves that can fully assimilate into
the native vasculature and have the potential to grow and remodel; however, the
fabrication of natural scaffolds into a heart valve shape with sufficient porosity,
does present challenges. This will be examined in more detail in Chapter 3 of this
thesis.

1.6.2 Biomaterials used in this thesis
Tissue engineered scaffolds can be fabricated from a wide range of biomaterial
classes. The scope of this project involves the use of the natural biodegradable
polymers fibrin, collagen and glycosaminoglycans and these materials are discussed
in detail in the following section.
Fibrin as a scaffold for tissue engineering
Fibrin is a natural biopolymer involved in the coagulation cascade in vivo and it acts
as a reservoir for growth factors, cells, and enzymes during wound healing. While it
has been used as a sealant for surgical applications for many years, its advantages
as a tissue engineering scaffold capable of providing signals for tissue regeneration
have been investigated more recently (Ahmed et al., 2008; Eyrich et al., 2007; Ye et
al., 2000a). As fibrin is an autologous material that can be derived from a patient’s
blood (Haisch et al., 2000), when used as a scaffold material, this eliminates any risk
of foreign body reaction or infection (Ahmed et al., 2008).
Fibrin is a biopolymer of the monomer fibrinogen, which is found circulating in
blood. The fibrinogen molecule is composed of two sets of three poly-peptide
chains named Aα, Bβ, and γ, which are joined together by six disulfide bridges
(Breen et al., 2009). After thrombin-mediated cleavage of fibrinopeptides A and B
from their respective chains on the fibrinogen monomer, the polymerisation sites
are exposed and fibrin is formed. This generates the fibrin polymer that has a
propensity to self-associate and form insoluble fibrin (Ahmed et al., 2008; Breen et
al., 2009). Further covalent cross-linking between the γ-chains produces a stable
fibrin network that is resistant to protease degradation. In terms of degradation
kinetics, fibrin degrades at a rate dependant on the synthesis of new ECM, ensuring
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a seamless, steady appropriation of function from the tissue engineered scaffold to
the developing neotissue. This degradation can be slowed down further using antifibrinolytic drugs, such as tranexamic acid or aprotinin (Cholewinski et al., 2009).
Fibrin promotes cellular migration, proliferation, and matrix synthesis through the
release of platelet derived growth factor and transforming growth factor-β
(Jockenhoevel et al., 2001b). This can be enhanced through addition of ascorbic
acid to the media surrounding a fibrin scaffold, as this has been found to encourage
deposition of cell-mediated ECM (Wu et al., 2015) and the subsequent retention of
that synthesised ECM is improved when compared to other scaffolds (Alfonso et al.,
2013). Despite these excellent biological properties, the weak mechanical strength
of fibrin is its major disadvantage; when cells are encapsulated within it, cellmediated contraction leads to dimensional instability. Of particular relevance to
this thesis, this was observed in the in vivo study of tissue engineered fibrin heart
valves, whereby the valve leaflets shortened due to cell-mediated contraction,
resulting in regurgitation within the heart and failure of the constructs (Flanagan et
al., 2009). Addressing this problem will be explored throughout this thesis, starting
in Chapter 2 where a fibrin gel reinforced with a freeze-dried, collagenglycosaminoglycan matrix will be shown to provide a more dimensionally stable
scaffold for tissue engineering applications, by resisting cell-mediated contraction.
Collagen and glycosaminoglycans as scaffolds for tissue engineering
Collagen is one of the most abundant natural proteins in the body and has been
used in a vast array of tissue engineering applications from skin regeneration
(Yannas and Burke, 1980), to bone (David et al., 2015; Gleeson et al., 2010; Lyons et
al., 2014) and cartilage grafting (Levingstone et al., 2016, 2015, 2014; Stack et al.,
2016) due to its low antigenicity, biodegradability and good mechanical and cellbinding properties. As collagen degrades, its fibres realign in the constraint
direction, enabling the formation of an aligned neotissue (de Jonge et al., 2014) and
the development of anisotropic tissue. Collagen makes up a large proportion of
native heart valves and is an obvious choice as a scaffold for heart valve tissue
engineering. In fact, decellularised collagen sponges have been shown enhanced
the capacity of vICs to express their original fibroblastic phenotype (Taylor et al.,
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2002). While decellularisation of existing tissues is one method of producing a
collagen framework, it does not result in a scaffold with the characteristics needed
for tissue regeneration; a collagen matrix with excellent bioactivity and a
microstructure for cellular colonisation is essential for this purpose.
Collagen scaffolds can be manufactured in a variety of ways; however, to ensure a
homogenous structure with interconnected pores, a freeze-drying technique is
typically used in the Tissue Engineering Research Group at RCSI to produce
collagen-based scaffolds for a range of applications (O’Brien et al. 2007; O’Brien et
al. 2004). Freeze-drying is a well-established technique for production of
dehydrated, natural materials with interconnected porosity and pre-determined
pore sizes (Haugh et al., 2010; O’Brien et al., 2004; Sheridan et al., 2013). It is
typically used to produce 3D planar sheets of porous collagen-based matrix (Figure
1.8 A) and is the fabrication method used for production of collagenglycosaminoglycan matrices in this thesis. During the freeze-drying process, a
suspension of collagen in mild acetic acid is cooled at atmospheric pressure (Figure
1.8 B). Ice-crystal formation within the collagen suspension depends on the rate of
cooling from the shelf and the chamber environment of the freeze-dryer. Slower
freezing rates have been shown to promote more homogenous ice crystal
formation and hence a predictable pore structure (O’Brien et al., 2004) while also
encouraging retention of enzymatic protein activity when compared to rapid
freezing (Jiang and Nail, 1998). Thin films of material formed at the edges of the
growing ice crystals become the walls of the pores; sublimation of the ice crystals
occur as the pressure is reduced and the temperature is increased, leaving behind a
highly porous, dehydrated structure (Figure 1.9). Material collapse will occur if
incomplete freezing or drying occurs, and the rate change of temperature and
pressure are also essential to the process. The mechanical properties of the
resultant scaffold can then be altered by changing the collagen concentration and
using different crosslinking techniques (Haugh et al., 2011, 2009; Tierney et al.,
2009a).

48

A

B

Figure 1.8
An example of the planar collagen
-based biomaterials created using a freeze
-drying
process that requires tight control of pressure and temperature.
Planar freeze-dried scaffolds (A)
are created in flat stainless steel trays using the process graphed in (B). (B) Phase diagram showing
the liquid (L), solid (S) and gaseous (G) phases experienced by the collagen-based suspension at the
temperatures and pressures used during freeze-drying. The process starts at (1), indicated on the
graph. Temperature is reduced at a constant pressure; pressure is dropped while temperature
remains constant; temperature is increased at the low pressure; pressure is again increased.
Reproduced from (Harley, 2006).

This fabrication method has many advantages and it allows for creation of
dehydrated, storable and therefore ‘off-the-shelf’ scaffolds with predetermined
characteristics such as mechanical properties, pore sizes, and porosity. The use of
mild acetic acid as a solvent reduces the immunogenicity of collagen, (Harley, 2006)
while promoting dendritic formation of ice and therefore, interconnected porosity
(Offeddu et al., 2015). Inclusion of other biomaterials or drugs at the fabrication
stage can also be achieved and ensures homogenous distribution throughout the
3D structure without compromising their bioactivity (Ryan et al., 2014; Ryan and
O’Brien, 2015). Freeze-drying will be used throughout this thesis to produce a
collagen-glycosaminoglycan matrix for heart valve tissue engineering.
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Figure 1.9 Macro and microscopic images of collagen
-glycosaminoglycan scaffolds fabri
cated
through freeze-drying, which produces a porous scaffold with mechanical properties that can be
altered through crosslinking.Images show a typical porous collagen scaffold, the microstructure of
the porous collagen scaffold (scale bar is 100µm) and a micro-CT representative image of the porous
collagen scaffold.

Glycosaminoglycans (GAGs) facilitate cell–matrix and cell–cell interactions via
interacting with various structural proteins (e.g., fibronectin and collagen) and
signalling molecules (e.g., growth factors and chemokines) and have been
incorporated into collagen scaffolds to enhance the biological activity of the
resultant matrices. GAGs are linear, anionic and highly heterogeneous carbohydrate
polysaccharides that are present at the cell surface and in the ECM (Chen and Liu,
2015). They may regulate matrix assembly, binding, and modulation of growth
factors to enhance ECM synthesis by cells and influence remodelling through
inhibition of proteases. GAGs are involved in adhesion, migration, proliferation and
differentiation of cells within collagen matrices. Due to their ionic properties GAGs
can absorb a mass of water and this osmotic swelling can increase the compressive
strength of the material in question while also leading to a more stable, open
porous structure (Pieper et al., 2000). In native heart valves, GAGs play important
biophysical and biochemical roles. For example, the spongiosa layer is composed
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mostly of GAGs, which help dampen the vibrations experienced during closing of
the valve leaflets and during valvulogenesis, the cardiac cushion from which the
valves emerge is primarily composed of GAGs (Eisenberg and Markwald, 1995).
GAGs encourage anti-thrombogenicity in vivo with their presence inhibiting the
attachment of macrophages (Camci-Unal et al., 2010), a welcome attribute for a
material used as a heart valve scaffold. This can be enhanced through the
recruitment of endothelial cells in vivo, as hydrogels coated with GAG antibodies
have demonstrated the capture of endothelial progenitor cells (Camci-Unal et al.,
2010). This strategy could be exploited to recruit endothelial cells onto valve
substitutes in vivo. The presence of GAGs within a scaffold has also been shown to
induce the cell-mediated synthesis of elastin by both vICs, vECs and aortic vascular
smooth muscle cells (Flanagan et al., 2006; Ramamurthi and Vesely, 2005) perhaps
due to the attraction of soluble tropoelastin molecules by the negatively charged
GAG molecules. Ramamurthi and Vesely showed that the formation of this elastin
was organised into porous sheets of elastin fibre, similar to the structure seen in
native spongiosa and ventricularis layers of the heart valve leaflet (Ramamurthi and
Vesely, 2005). Hence, the incorporation of GAGs into a porous collagen matrix,
holds many potential advantages as a template for heart valve regeneration. This
will be explored further in the remaining chapters of this thesis.

1.7 Strategies for development of tissue engineered heart valves
The clinical need for a living valve replacement is greatest in paediatric populations,
where growth and biological integration of the implanted valve substitute is
essential. Numerous approaches have been used to investigate the three main
variables in creation of valves- different scaffolds, different cell sources and
different conditioning regimes, with different scaffold types being the main
differentiating factor. These strategies include: 1) cell-seeded scaffolds of synthetic
polymer materials 2) decellularised tissue engineered heart valves, and 3) cellseeded natural polymer scaffolds. Across all strategies challenges recur including
the creation of scaffolds into a heart valve geometry, and the dimensional
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instability of scaffolds resulting in non-coaptation of valve leaflets and regurgitation
through the valve (Cheung et al., 2015; MacGrogan et al., 2014). Here, the different
strategies and their associated limitations will be discussed.

1.7.1 Synthetic polymers as tissue engineered scaffolds
Synthetic polymers, such as polyglycolic acid (PGA), poly(L-lactide) acid (PLLA),
polyhydroxyoctanoate

(PHO),

polyhydroxyalkanoates

(PHA),

poly-4-

hydroxybutyrate (P4HB), poly(ethylene glycol) (PEG), and poly(ɛ-caprolactone)
(PCL), have been the most studied synthetic polymer scaffolds for tissue engineered
heart valves; however, there is little clarity as to which polymer or polymer
combination is optimal. The wide range of synthetic polymers available provides a
capability to create scaffolds with varying properties such as stiffness, degradation
rates or hydrophilicity, by combining polymers at different concentrations.
Synthetic scaffolds are generally developed to have strong mechanical properties
capable of withstanding in vivo haemodynamic forces, and while good initial
mechanical properties are often needed for heart valves, excessive rigidity can
cause problems as was seen in early in vivo trials of a polyglactin/PGA valve, where
the inflexibility caused stenosis of the tissue (Shinoka et al., 1995). A follow-on
study using PGA/PHO composite scaffolds which were more flexible, had a much
longer degradation profile and after implantation in the pulmonary position for 24
weeks showed increased cellular infiltration and ECM deposition without any
thrombus formation (Stock et al., 2000). PHA was also used and moulded into the
shape of a trileaflet valve using a thermal processing technique, while a salt
leaching technique was used to create porosity within the material. Once seeded
with autologous vascular cells and implanted for 17 weeks in the pulmonary
position of a lamb, the valve showed ECM synthesis, degradation of the scaffold (by
30%), and while there was an absence of an endothelial cell layer, no thrombus
formation was observed (Sodian et al., 2000a). These studies formed the basis for
many follow-on studies using synthetic polymeric scaffolds.
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A tri-layered structure was shown to form in vivo within PGA/P4HB constructs
seeded with vascular cells, conditioned in a bioreactor for 14 days and implanted in
the pulmonary position of lambs for up to 20 weeks (Hoerstrup et al., 2000a).
Histology revealed the tri-layered structure included formation of GAGs and
collagen and a small amount of elastin. Analysis of the valve tissue demonstrated
complete biodegradation of the PGA by 4 weeks and of the P4HB by 8 weeks. The
valve leaflets at 4, 6, and 8 weeks appeared thicker and less pliable than the valves
at later timepoints, but from 16 weeks onwards, central pulmonary regurgitation
(mild to moderate) was detected due to cell-mediated contraction. This was
postulated to have resulted during the process of scaffold remodelling, where the
degradation of the scaffold did not coincide with the formation of neotissue that
could counteract the cell-mediated contraction within the leaflets. A subsequent
study investigated the same PGA/P4HB scaffold with a different cell source- human
bone marrow stem cells (Hoerstrup et al., 2002). This study only progressed to the
end of the in vitro 14 day dynamic culture period, where alignment and deposition
of ECM was not comparable to that achieved with the lamb vascular cells.
Non-coaptation of leaflets was also a feature of a sheep study where sheets of nonwoven fibres of synthetic polymer PLLA/PGA were assembled into a heart valve
shape using needle punching (Gottlieb et al., 2010). Bone marrow stem cells were
taken from sheep and seeded onto the scaffold, prior to one month of culture
within a tension device. Regurgitation was present in 16 of the 19 valves at the time
of implantation in the pulmonary position and this increased during the 20 weeks in
vivo. Qualitatively, the valve leaflets had restricted motion at 6 weeks, and were
fixed and attenuated at 10 weeks.
Creating a scaffold with anisotropic alignment has been investigated as a means of
replicating the native valve microstructure to produce a functional tissue
engineered heart valve. PCL scaffolds have been fabricated into a heart valve shape
using electrospinning and following functional testing in a dynamic pulse duplicator
system, the valve opened and closed well; however, there was a slight rotation of
the leaflets (Del Gaudio et al., 2008). Another study developed heart valve leaflet
scaffolds which mimic the microstructure and mechanical properties of the native
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leaflet. These leaflets were generated using a layer of poly(glycerol sebacate) (PGS),
flanked by two layers of fibrous PGS/PCL electrospun sheets to create a tri-layered
leaflet scaffold (Masoumi et al., 2014). This had anisotropic mechanical properties,
similar to those found in the native leaflet and when stem cells were seeded onto
the material they aligned along the anisotropic axes of the scaffolds. Over time in
culture, the cells proliferated and synthesised ECM, and the scaffold began to
degrade. When the leaflet was sewn into a pig valve (in vitro) as a leaflet
replacement to test its functionality in vitro, it opened and closed properly. In spite
of these developments, thus far, no in vivo animal trials have yet been reported
using this technology. An interesting approach using a hybrid scaffold of PEGdimethacrylate (PEG-dma) and poly(L-lactide) (PLA) coated in hyaluronic acid was
used to encourage cell-mediated synthesis of elastin within scaffolds. Through
application of a very low transmural interstitial flow rather than a direct shear
stress within a bioreactor system, elastin fibres were synthesised by human
vascular smooth muscle cells onto the scaffold in vitro (Hinderer et al., 2015). This is
a major breakthrough for tissue engineering in general, as generation of elastic
fibres in vitro has been a missing link within tissue engineered tissues; however,
significant up-scaling of the system demonstrated here will be required in order to
generate clinically relevant tissues, and the authors of the study noted that this will
be difficult.
Another notable study used a textile polyethylene terephthalate (PET)
multifilament fibre mesh to reinforce a cell laden fibrin matrix (Weber et al., 2014)
and following a bioreactor conditioning regime, ECM deposition was observed. One
of the interesting things about this approach was that it used a tube (which
collapsed inwards during diastole, creating leaflets) inside a tube (which acted as
the artery) to recreate the functionality of a heart valve. A version of this valve
which incorporated a stent for minimally invasive delivery was tested in an aortic
flow loop with acceptable results for regurgitation and mean pressure gradient,
although the effective orifice area of the valve was not examined, something which
is of great importance. While this approach seems promising, the fatigue strength
of the PET-fibrin construct remains to be seen, as does the effect on leaflet
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coaptation if the dimensions of the artery changed. This approach used fibrin as a
cell carrier to seed cells into the PET mesh, a technique with the advantage of
efficient cell seeding and enhanced synthesis and retention of ECM in a shorter
period of time when compared to other cell-seeding methods (Mol et al., 2005b).

1.7.2 Decellularisation to produce heart valve scaffolds
Heart valves from a number of other species have the correct geometry and
structure to function as replacements in humans, and once decellularised can be
used as bioprosthetic valve replacements. Various decellularisation techniques have
been assessed on the basis that the resultant scaffold should be capable of cell
infiltration by the invading or seeded cells (Dong et al., 2013; Grauss et al., 2005;
Jiao et al., 2012; Wong et al., 2013) and these cells would then allow for
degradation of the remaining decellularised material and secretion of an
autologous ECM. However, decellularisation techniques have been shown to be
unequal in terms of removing cellular materials, preserving the alignment and
activity of the ECM, and the biomechanics of the resultant material. In order for this
strategy to become a viable method for producing scaffolds for tissue engineering
of heart valves, an optimised protocol must be developed where decellularisation
of the valve allows for full removal of cells, the preservation of cell adhesion
molecules, retention of layered microstructure and ECM components, and
retention of native tissue mechanics.
Decellularisation has also been used to remove cellular material from tissue
engineered valves fabricated from synthetic materials (PGA meshes and coated
with P4HB) infiltrated with fibrin containing cells (Hoerstrup et al., 2002, 2000a;
Schmidt et al., 2007; Weber et al., 2012). These tissue engineered heart valves were
decellularised following maturation in a bioreactor to create an ‘off-the-shelf’ valve
substitute (Dijkman et al., 2012). Valves were trialled in a primate model and while
the cellular repopulation of the valves was noted, the cells had an inflammatory
phenotype and regurgitation was a feature of the valves due non-coaptation of
leaflets (Weber et al., 2013). Following these results, implantation was completed
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trans-apically in sheep (Driessen-Mol et al., 2014) and in a later paper, transvenously, also in sheep (Spriestersbach et al., 2016); however, progressive noncoaptation of the valve leaflets was a detrimental feature of both studies. The
leaflet non-coaptation was attributed to poor stent and valve design, subsequent
non-physiological loading of the valve and insufficient emptying of the ventricle;
however, the cells that repopulated the tissue may also have had an effect in terms
of cell-mediated contraction. These valves showed endothelialisation over time and
some repopulation with cells; however, the extent of cellular repopulation in the
leaflets was unclear as was the phenotype of the cells; whether they were
inflammatory cells or valvular type cells.
A similar approach, using decellularisation of a tissue engineered heart valve
fabricated from fibrin has been examined using two approaches, a valve mounted
on a synthetic frame (Syedain et al., 2013) and a completely biological valve
(Reimer et al., 2015). In the first approach, valves were produced by seeding
fibroblasts in a tubular fibrin matrix and after two weeks of static culture, they were
subjected to a five week maturation period in a bioreactor. The tissue was then
decellularised prior to being mounted on a Poly-etheretherketone (PEEK) frame.
Once tested in vitro in a flow loop, the valves performed satisfactorily, and testing
moved in vivo to the aortic position in a sheep model (Syedain et al., 2015). The
valves performed well for up to 24 weeks, by which time small numbers of cells had
repopulated the tissue, and in addition elastin, laminin and collagen IV had been
synthesised by these invading cells. However, non-coaptation of valve leaflets was
noted both at implantation and at later timepoints. For replacement of diseased
adult valves, where no growth is needed to maintain patient to prosthetic size, this
option shows some potential if the problem of leaflet non-coaptation can be
solved. One thing to note is that 3% of the original cellular DNA remained within the
valve (Syedain et al., 2011), and this may cause an unwanted immunological
response, as was seen in the disastrous Synergraft trials, where incomplete
decellularisation of xenografts resulted in patient deaths (Simon et al., 2003). A
second approach involved a fully biological valve; tubes of fibroblasts in fibrin were
matured in static and in a bioreactor followed by subsequent decellularisation. A
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tubular type valve was formed, similar to that described in Section 1.7.1 (Weber et
al., 2014). For this valve, two tubes were sutured together; the outer tube acting as
the flow conduit and the inner tube sewn to it at three points. This allowed the
inner tube to function as valve leaflets, collapsing inwards when exposed to back
pressure, with the sutures holding the inner tube in place (Reimer et al., 2015).
Valves performed well when tested in a flow loop in vitro; full leaflet opening and
closing was observed and regurgitation was no more than 5% (Reimer et al., 2015).
Following implantation in the pulmonary position in a lamb model, leaflet
coaptation was deemed “adequate” after 8 weeks but decreased substantially by
the end of the study with leaflets having shortened by over 40% compared to their
lengths at implantation (Reimer et al., 2016). Deposition of collagen IV was evident
across the implant, with immature elastin detected in the leaflets and some mature
elastin fibres in the valve wall. The valve wall was recellularised but there was
sparse recellularisation in the valve leaflets and although there were some
indications that there were valvular type cells present, there was also evidence of
inflammatory cells. Interestingly, the native pulmonary artery and engineered valve
wall were seamlessly integrated, reinforcing the strategy that fully natural valves
can integrate fully with the native vasculature.
As a strategy for development of a living valve, decellularisation of a tissue
engineered valve does offer potential as an off-the-shelf solution; however,
questions and challenges remain. While cellular repopulation of decellularised
valves in sheep and baboons has been noted (Weber et al., 2013), animals and
humans are integrally dissimilar in their ability to spontaneously recellularise
biomaterials (Schleicher et al., 2011). Additionally, the success of this method could
theoretically differ on a patient specific basis. For example, the availability and
response of cells repopulating a valve would likely differ in young versus old
patients and in patients with multiple comorbidities (diabetes, hypertension and
hyperlipidemia, among others) versus healthy individuals (Spoon et al., 2013). The
major problem of valve non-coaptation must be solved; however, if complete
recellularisation of valve leaflets occurs, it may lead to increased cell-mediated
contraction resulting in increased non-coaptation of leaflets. A recent
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computational (Loerakker et al., 2013) and in vitro decellularisation study (Sanders
et al., 2015) suggested that leaflet geometry and tissue anisotropy are both
important to ensure ongoing coaptation of leaflets within decellularised valves.
However, this concept has not been applied to recellularised leaflets. Interestingly,
the same group also found that non-coaptation of valve leaflets was an issue with
leaflets that contained cells; however, following decellularisation, coaptation of the
leaflets occurred (Dijkman et al., 2012) indicating that cell-mediated contraction
was a cause of the initial leaflet non-coaptation (van Vlimmeren et al., 2012, 2011).
If decellularised valves can be fully recellularised it remains to be seen whether cellmediated contraction exacerbates the problem of non-coaptation of leaflets.

1.7.3 Natural polymers as tissue engineering scaffolds
Natural biomaterials, especially the components of ECM, such as collagen, fibrin,
and GAGs have been widely investigated as scaffold materials for heart valves;
however, many of these studies have used small samples of biomaterials that are
not shaped into an anatomically relevant heart valve form. These are useful studies
to develop an understanding of ECM synthesis and cellular activity within the
biomaterials, but are over simplistic for comprehensive evaluation of natural
materials as scaffolds for regeneration of heart valves. Nonetheless, these have
shown that ECM synthesis is possible in natural polymer scaffolds such as collagen
and fibrin (Aamodt and Grainger, 2016; Chen and Liu, 2015; Flanagan et al., 2006;
Grassl et al., 2002; Sang-Hyug Park et al., 2005); however, the problems of leaflet
shortening due to cell-mediated contraction remain.
Collagen is major component of the fibrosa layer of native valves, and thus a logical
choice for a tissue engineering scaffold for heart valve applications. In spite of this,
(excluding decellularisation of native tissues) few studies have used collagen as a
scaffold for heart valve regeneration. One study examined purified collagen
hydrogels fabricated into valve leaflets and whole conduits, and while preferential
cell and matrix fibre alignment was developed, ECM synthesis was minimal (Neidert
and Tranquillo, 2006). When neonatal aortic smooth muscle cells were
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encapsulated within collagen scaffolds which also contained fibrin, more ECM
synthesis was observed than with collagen alone, an encouraging trend for
developing tissue (Grassl et al., 2002). Another study using collagen as a scaffold
isolated porcine vICs and vECs, and encapsulated the cells in collagen hydrogels
containing GAGs (chondroitin sulphate). The gels contracted due to cell-mediated
contraction but enhanced bioactivity, due to the incorporation of GAGs within the
gels, facilitated synthesis of ECM containing elastin and laminin (Flanagan et al.,
2006). Decellularised collagen has also been used as a scaffold for heart valves and
promoted culture of healthy vICs (Taylor et al., 2002) in addition to demonstrating
the remodelling potential of vICs when cultured on decellularised collagen (Dreger
et al., 2006).
Collagen has been used in combination with other materials; for example, a scaffold
that replicated the structure and components found in the native leaflet was
created using natural polymers. This approach utilised collagen bundles, a GAG gel
matrix, and elastin sheets which were stacked together into a leaflet structure (Shi
et al., 2002). A biomimetic collagen architecture was created by constraining the
collagen bundles in the longitudinal direction within the GAG gel. Elastin sheets
were formed adjacent to the collagen bundles and on top of the GAGs. In spite of
the success in forming this biomimetic leaflet scaffold, this approach has not
progressed to a full valve form (Vesely et al., 2005).
A fabrication method to cast fibrin containing cells into an anatomically relevant
heart valve shape was developed using an injection moulding technique and this
technique was a turning point in the use of fibrin as a scaffold material
(Jockenhoevel et al., 2001a). This facilitated the development of a fibrin heart valve
which was initially subjected to bioreactor conditioning in vitro (Flanagan et al.,
2007), and subsequently to implantation in the pulmonary position in adult sheep
for three months (Flanagan et al., 2009). The native pulmonary valve was left intact
to reduce the haemodynamic stress on the implanted fibrin substitute. However,
despite formation of an endothelial layer in vivo, and extensive ECM synthesis and
remodelling, non-coaptation of the leaflets in vivo proved to be a significant
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drawback of the study. This was attributed to the weak mechanical properties of
fibrin and its susceptibility to cell-mediated contraction.
In spite of their low resistance to cell-mediated contraction, biological scaffolds
offer many advantages as heart valve scaffolds. Unlike synthetic materials, scaffolds
formed using natural polymers contain natural cellular adhesion sites and inherent
cell stimuli such as growth factors, and they are less likely to initiate toxic immune
responses. Although biological scaffolds would appear to be the optimal choice in
heart valve scaffold design, none have fulfilled all of the desirable requirements of
an optimal scaffold, in particular the mechanical property demands. An added
disadvantage in the use of natural polymers is the difficulty in creating the complex
heart valve geometry due to the limited biofabrication methods that ensure
retention of the polymer bioactivity. These issues will be addressed throughout this
thesis.

1.8 Bioreactor technologies for maturation of heart valves
Native heart valves function under unrelenting dynamic conditions, thus dynamic
conditioning of tissue engineered heart valves has been considered a necessary
step in the creation of functionally capable tissue. Bioreactors are designed to
mimic the physiological haemodynamics experienced in vivo and provide both
mechanical and biochemical cues to the developing construct, which can modulate
cellular function by directing proliferation, alignment and differentiation of cells.
This in turn influences on the synthesis of new ECM (Gandaglia et al., 2011; Parvin
Nejad et al., 2016).
Successful bioreactors for heart valve maturation have many common features,
such as control over O2, CO2, temperature, pH and nutrient concentration, as well
as more practical considerations, such as being compact in size, low volume,
maintaining sterility, enabling easy refreshment of the medium, access to the tissue
engineered valve, and visualisation of the valve (Dumont et al., 2002). Heart valve
bioreactors recapitulate the strains, flexural deformations, shear stresses, and
pressure loads experienced in vivo by exposing the developing heart valve to
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various mechanical stimuli, such as cyclic stretch, cyclic flexure, oscillating fluid
shear stress, and pressure (Parvin Nejad et al., 2016). There are two main
categories of heart valve bioreactors for whole valve constructs: strain based
bioreactors which mimic only the diastolic phase of the cardiac cycle, and flow
based bioreactors which mimic the systolic and diastolic phase.
Strain based bioreactors for heart valves were first established by Mol and
colleagues with their diastolic pulse duplicator (Mol et al., 2005a) (Figure 1.10 A).
The principle behind this bioreactor is that the largest strain the valve experiences
is during diastole, and by pressurising the valve in its closed state, this will
encourage the synthesis of ECM with appropriate biomechanical properties. The
difficulty with this design is that the control of the strain applied is dictated by the
tensile properties of the leaflet and as the construct begins to change due to ECM
deposition the strain must be carefully adjusted (Kortsmit et al., 2009). Feedback
control algorithms have been developed and used within this type of bioreactor;
however, they are still based on estimates of what is happening within the
construct. Syedain and Tranquillo circumvented this by straining heart valve
constructs within a latex tube (Syedain and Tranquillo, 2009).
Flow based bioreactors are based on a simple principle of forcing the developing
valve construct to open and close via pulsatile flow (Figure 1.10 B). A flow based
bioreactor is used in Chapter 4 of this thesis to aid in the maturation of a pulmonary
heart valve construct. In this type of bioreactor, the valve is placed as the gateway
between two chambers, and media is pushed up through the valve by displacement
of a diaphragm. This movement of media opens the valve leaflets (systolic phase)
and as the diaphragm returns to its original position, so the valve leaflets return to
the closed position and media rests on the leaflets (diastolic phase). The excess
media flows back to the original chamber via connected tubing and the cycle
continues. The displacement of the diaphragm can be achieved by pumping air into
the diaphragm chamber or through a piston acting directly on the diaphragm.
Either way, this displacement can be controlled by adjusting the stroke volume or
the frequency (beats per minute). A resistance chamber is used to mimic the
resistance felt in vivo by the aorta pushing the blood into small diameter vessels
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and a compliance chamber represents the elastic function of the large arteries.
Through adjustment of these parameters, the pressure across the valve leaflets
during the diastolic phase can be altered (Dumont et al., 2002; Hildebrand et al.,
2004; Hoerstrup et al., 2000b).

Figure 1.10 Common bioreactor designs used in heart valve
tissue engineering
. A) Diastolic Pulse
Duplicator: The bioreactor (A) containing the valve is connected to a medium container (B) via two
parallel tubes (C) that run through a roller pump (D). A magnet valve (F) is used to cyclically
pressurise air into a polycarbonate chamber (B) surrounding parts of the upper tubing, thus
compressing and decompressing the tubing, resulting in a pressure difference over the leaflets. A
syringe attached to the bioreactor (G) acts as a compliance chamber. Pressure upstream and
downstream of the leaflets is monitored using the pressure sensors (H).
B) Pulsatile Flow Bioreactor: A silicon diaphragm (3) separates an air chamber (1) and a fluid
chamber (2). The fluid chamber is further divided into two parts, the upper compartment (2b) and a
lower compartment (2a), which are attached by a tube (4). Above this, a silicon tube (5) holds a
tissue engineered heart valve. By pumping air into the lower chamber, the silicone diaphragm is
displaced, creating pulsatile flow across the valve. Images adapted from (Parvin Nejad et al., 2016).

62

1.9 Objectives
The overall goal of the research presented in this PhD project was to develop a
natural biomaterial scaffold for heart valve tissue engineering, capable of resisting
cell-mediated contraction. The fundamental hypothesis was that if fibrin gels, which
have proven capacity for supporting valvular cells, could be reinforced with a
collagen-GAG matrix this would result in a scaffold with optimised mechanical
characteristics and an enhanced ability to resist cell-mediated contraction. It was
further hypothesised that if this fibrin-collagen-GAG scaffold could be scaled up into
an anatomically accurate heart valve form by developing a suitable fabrication
process, then a tissue engineered heart valve capable of resisting cell-mediated
contraction may be attainable.

To accomplish this, the specific objectives of the thesis were as follows:
x Develop a fibrin-collagen-glycosaminoglycan (FCG) scaffold that could resist
cell-mediated contraction and provide a dimensionally stable structure for
tissue engineering applications (Chapter 2).
x Develop a biofabrication method to produce a heart valve (HV) shaped CG
matrix and to subsequently use this to create a HV shaped version of the
FCG scaffold previously developed in Chapter 2 (Chapter 3).

x Investigate the potential of the HV shaped FCG scaffold developed in
Chapters 2 and 3, as a pulmonary valve substitute following dynamic
conditioning in vitro (Chapter 4).
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Chapter 2- Development of a FCG scaffold to resist cellmediated contraction

The research presented in this Chapter was published as: Claire M. Brougham,

Tanya :͘ >ĞǀŝŶŐƐƚŽŶĞ͕ ^ƚĞĨĂŶ :ŽĐŬĞŶŚŽĞǀĞů͕
Incorporation of fibrin into a collagenʹglycosaminoglycan matrix results in a
scaffold with improved mechanical properties and enhanced capacity to resist cellmediated contraction. Acta Biomaterialia, 2015; 26; 205–214.
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2.1 Introduction
Scaffolds for tissue engineering (TE) provide a template for cells to lay down extra
cellular matrix (ECM). Biocompatibility and ease of sterilisation are basic scaffold
requirements, while scaffold geometry, degradation kinetics and mechanical
properties each play a key role in the generation of the tissue construct in vitro
(Jana et al., 2014; Li et al., 2014). There are unique challenges associated with the
design of scaffolds for applications where the shape and dimensional stability of the
scaffold is critical to its function. For example, heart valve scaffolds must be able to
withstand the challenging haemodynamic environment of their placement, from
the moment of implantation. If the construct does not function correctly with full
coaptation of the leaflets, it will not be able to sustain its role over the long term.
To date, a variety of scaffolds have been proposed for heart valve TE including both
synthetic (Hoerstrup et al., 2002; Kalfa et al., 2010; Mol et al., 2006; Ramaswamy et
al., 2010; Sant et al., 2013; Schmidt et al., 2010; Sodian et al., 2000a) and natural
biological materials (Flanagan et al., 2009; Syedain et al., 2013; Weber et al., 2013;
Yamanami et al., 2010) and these have demonstrated varying degrees of success
once implanted in vivo. Of these options, we believe that fully biological heart
valves hold greater promise than synthetic or decellularised valves for the
development of long-term valve replacements; they have the potential to integrate
fully with the native vasculature and grow in tandem with the patient, thus
eliminating the need for multiple revision surgeries.
In terms of biocompatibility, cellular remodelling and encapsulation of cells, fibrin is
an excellent scaffold for TE; however, its weak mechanical properties and
susceptibility to cell-mediated contraction mean that sustaining dimensional
stability is very difficult when using fibrin as a lone scaffold material. Many in vivo
studies have shown a reduction in function resulting from this cell-mediated
contraction (Flanagan et al., 2009; Syedain et al., 2011; Weber et al., 2013). In light
of this, fibrin has been incorporated in combination with biomaterials such as
hyaluronic acid (Lee and Kurisawa, 2013), polyethylene oxide (Akpalo et al., 2011)
and alginate (Shikanov et al., 2009) in interpenetrating networks. Fibrin has also
been combined with collagen in mixed gels (Cummings et al., 2004), with a limited
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increase in mechanical properties reported. Additionally, fibrin has been used with
porous, synthetic scaffolds such as poly(L-lactide), poly-4-hydroxybutyrate (Gundy
et al., 2008; Lesman et al., 2011; Mol et al., 2005b; Moreira et al., 2014) and while
this approach has improved the structural integrity of fibrin, acidic by-products are
released during the subsequent degradation of the synthetic scaffold (Busa and
Nuccitelli, 1984; Monfoulet et al., 2014; Sung et al., 2004) which compromise the
seeded cells.
The literature shows that a stiffer scaffold has a greater resistance to cell-mediated
contraction (Keogh et al., 2010; Sheu et al., 2001) however, the reinforcement of
fibrin gels, with the aim of minimising cell-mediated contraction, has received
minimal attention to date. Our research group has developed a range of collagenbased scaffolds, with interconnected, homogenous pores for a variety of
applications, from bone grafts to gene delivery (Cunniffe et al., 2010; Curtin et al.,
2015, 2012; Keogh et al., 2010; O’Brien et al., 2005, 2004; Roche et al., 2014;
Tierney et al., 2012). The mechanical properties of the freeze-dried collagen can be
customised using different manufacturing methods and constituents; for example,
the addition of glycosaminoglycans has been shown to increase the stiffness of the
collagen matrix while increasing cell proliferation and migration (Gleeson et al.,
2010; Haugh et al., 2011; O’Brien et al., 2004; Tierney et al., 2009b). Additionally,
crosslinking techniques have been developed to further customise mechanical
properties, while ensuring cellular viability (Haugh et al., 2011, 2009; Tierney et al.,
2009a). Collagen forms the main component of a range of tissue types within the
body, therefore a collagen-based scaffold has potential for use in many applications
as it demonstrates low immunogenicity and excellent integration with the native
tissue (Levingstone et al., 2016, 2015). Consequently, the hypothesis of the present
study was that a fibrin gel reinforced with a freeze-dried, collagen
glycosaminoglycan (CG) structure will provide a more dimensionally stable scaffold
for TE applications, by resisting cell-mediated contraction.
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Objectives
The overall aim of this study was to develop a fibrin-collagen-glycosaminoglycan
(FCG) scaffold that could resist cell-mediated contraction and provide a
dimensionally stable structure for tissue engineering applications. The specific
objectives were to:
1) Develop methods of combining a fibrin gel and a CG matrix, and to
characterise the microstructure of the resultant scaffolds
2) Investigate the effect of reinforcing a fibrin gel with a CG matrix on the
resultant tensile and compressive moduli
3) Investigate the response of human vascular smooth muscle cells to the
FCG scaffold in terms of cell viability and proliferation
4) Examine the extent of cell-mediated contraction of the FCG scaffolds in
comparison to fibrin-only gels.
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2.2 Materials and Methods
All chemicals were obtained from Sigma-Aldrich (Arklow, Ireland) unless otherwise
noted.

2.2.1 Fabrication and crosslinking of the CG matrix
Planar CG sheets of matrix were fabricated, as previously described, using a
lyophilisation process (O’Brien et al., 2005) with a collagen (type 1 bovine; Integra
Life Science, Plainsboro, NJ, USA) concentration of 0.75% w/v solution and a
glycosaminoglycan (chondroitin sulphate) concentration of 0.044% w/v (Tierney et
al., 2009a). The CG suspension was freeze-dried to a final freezing temperature of 10°C using a freezing rate of 1°C/min, followed by subsequent drying, to produce a
homogenous structure with an average pore size of 150 µm and porosity of 99%
(Haugh et al., 2010). Dehydrothermal treatment (DHT) using a vacuum oven
(Vacucell, MMM Group, Munich, Germany) at 0.05 bar and 105°C, over 24 hours,
was used to physically crosslink and sterilise the CG matrix (Haugh et al., 2009).
Discs of the sterile CG matrix were cut using a biopsy punch. These were chemically
crosslinked

using

1-ethyl-3-(3-dimethylaminopropyl)carbodiimide

(EDAC)

in

combination with N-hydroxysuccinimide (NHS) as described previously (Haugh et
al., 2011), with the difference of using ethanol as the solvent to further increase
stiffness (Barnes et al., 2007). Discs were washed in decreasing concentrations of
ethanol and stored in phosphate buffered saline (PBS) prior to use, which was
always within 12 hours.

2.2.2 Incorporation of fibrin into the CG matrix
Fibrin gels were fabricated as previously described (Jockenhoevel et al., 2001a).
Briefly, bovine fibrinogen was dissolved in PBS and dialysed against four litres of
tris-buffered saline (TBS) in 6,000- 8,000 MW dialysis tubing (Spectrum Labs, Breda,
The Netherlands) overnight. After sterile filtration, the fibrinogen concentration
was quantified by measuring the absorbance at 280 nm using a spectrophotometer
(Nanodrop 2000; Thermo Fisher Scientific, Delaware, USA). The final concentration
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of fibrinogen solution was adjusted to 10 mg/ml with PBS. To make fibrin gels of
1000 µl, 75 µl of 0.05 M CaCl2, 350 µl TBS and 75 µl of 40 IU/ml of thrombin, were
pipetted into a 24-well plate, into which 500 µl of the 10 mg/ml fibrinogen solution
was added for subsequent polymerisation. After incubation at 37°C for 60 minutes,
polymerisation of the fibrin was complete. To fabricate gels of different sizes, these
ratios were maintained and the volume altered.
In order to fabricate the FCG scaffolds, two methods of fibrin incorporation into the
CG matrix were investigated: drop-loading and injection loading (Figure 2.1). The
crosslinked CG matrix was firstly soak-loaded with CaCl2, TBS and thrombin in the
same concentrations and ratios as described above for the fibrin gels. Using the
drop-loading technique, the fibrinogen was added on top of the CG matrix in a
drop-wise fashion using a pipette. For the injection loading technique, the
fibrinogen was injected into the matrix in a repeatable circular pattern using a 27
gauge needle. All scaffolds were left to polymerise at 37°C for 60 minutes. For the
injection-loaded scaffolds, the optimum volume of fibrin to incorporate into the CG
matrix was also assessed. Total volumes of fibrin of 250 µl, 300 µl, 350 µl and 400 µl
were injected into the CG matrix (diameter 15.8 mm, thickness 2 mm). These
volumes were based on preliminary experimental work that showed that volumes
of greater than 400 µl could not be maintained within each matrix.

Figure 2.1 Methods of producing fibrin-collagen-glycosaminoglycan (FCG) scaffolds.
The CG
structure was a freeze-dried crosslinked matrix to which fibrin was added. For both the drop-loading
or injection method, the first three fibrin ingredients (CaCl2, thrombin and TBS) were first added to
the CG matrix. For the drop-loading method, fibrinogen was added in a second step by being dropped
on top of the matrix. For the injection method, a suspension of fibrinogen (and cells) was injected
using a 27 gauge syringe into the CG matrix, in a circular pattern.
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2.2.3 Histological analysis of the FCG scaffold
Histological analysis was used to investigate fibrin infiltration into the CG matrix.
Samples were formalin-fixed, embedded in Jung tissue freezing medium
(Laboratory Instruments and Supplies, Ashbourne, Ireland) and cryosectioned (Leica
CM 1950, Wetzlar, Germany) to a thickness of 10 µm, in both the transverse and
longitudinal planes. Masson’s Trichrome staining was performed using standard
protocols by immersing in Bouin’s solution, Biebrich scarlet-acid fuchsin,
phosphotungstic/phosphomolybdic acid solution and aniline blue with the
exclusion of hematoxylin as no cells were present in these scaffolds. This process
stained fibrin (red) and collagen (blue), allowing visualisation of both components
in single sections. Samples were observed using a light microscope (ECLIPSE 90i;
Nikon, Tokyo, Japan) and digital images were captured using the DS Ri camera and
NIS elements software (Nikon).

2.2.4 Characterisation of the FCG scaffold microstructure
The microstructure of the FCG scaffolds was examined using scanning electron
microscopy (SEM; Hitachi SU6600 VP-SEM; Hitachi High Technologies America Inc.,
Clarksburg, USA). To examine the infiltration of fibrin throughout the CG matrix,
cross sections at different positions within the FCG scaffolds were formalin-fixed
and critical point dried (Quorum E3000 CPD; Quorum Technologies, East Sussex,
UK), fixed to an adhesive carbon stub, and then sputter coated with palladium/gold
using a Polaron sputter coater (Quorum Technologies, East Sussex, UK). CG matrix
and fibrin gels prepared in an identical manner were used as references to compare
structural features. SEM imaging was performed at an accelerating voltage of 15 kV,
utilising the secondary electron detector.

2.2.5 Mechanical characterisation of the FCG scaffold
Uniaxial compressive and tensile tests were performed to assess the effect of
reinforcing fibrin with a crosslinked, acellular CG matrix. All samples were tested
using a mechanical testing machine (Zwick/Roell, Ulm, Germany) fitted with a 5 N
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load cell and were hydrated in PBS throughout the testing. Samples for compressive
testing were of diameter 15.8 mm and thickness 2 mm, with 300 µl of fibrin
incorporated into the CG using the injection technique described in Section 2.2.2.
For tensile testing, FCG scaffolds were produced in a dog-bone shape which were
63.5 mm long with a narrowed centre of 3 mm and of 2 mm thickness as per ASTM
D638 (specimen type V)(ASTM D638, 2014). The same ratio of fibrin to CG was
maintained, as for the tensile samples. CG matrices and fibrin gels were also
produced in this dog-bone shape as controls.
Compressive and tensile tests were conducted at a strain rate of 10% per minute as
previously described (Haugh et al., 2009). The modulus was defined as the slope of
a linear fit to the stress–strain curve over 2–5% strain. Compressive and tensile
testing was performed on three samples per scaffold type, each of which was
tested in triplicate.

2.2.6 Cell culture and seeding into the FCG scaffold
Vascular smooth muscle cells (vSMCs) are a contractile cell type, and thus allow an
appropriate assessment of the ability of the FCG scaffold to resist cell-mediated
contraction. A human vSMC cell line was purchased from ATCC (CRL-1999; LGC
Standards, Middlesex, UK) and cultured using the recommended complete growth
media consisting of Ham’s F-12K (LGC Standards, Teddington, UK), supplemented
with 10% fetal bovine serum, 2% penicillin/streptomycin, 50 μg/ml ascorbic acid, 16
μl/ml 1x ITS (Insulin, Transferrin, Selenium; BD Biosciences, Oxford, UK), 10 mM
HEPES (4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid), 10 mM TES (NTris(hydroxymethyl)methyl-2-aminoethanesulfonic

acid)

and

0.03

mg/ml

endothelial cell growth supplement. Subculturing procedures were as per the
manufacturer’s instructions, using 0.25% trypsin-EDTA solution for cell detachment.
The culture medium was changed every 2 days and cell number was calculated
using a haemocytometer.
For all tests, cells were seeded at a density of 1,000 cells/mm3 per scaffold for both
FCG and fibrin-only gels (Murphy and O’Brien, 2010). Cells were initially suspended
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in the fibrinogen component of the fibrin and following injection, the FCG scaffolds
were left to fully polymerise for 60 minutes at 37°C. To prevent adhesion to the cell
culture plastic, scaffolds were then transferred to sterile 6-well suspension plates
and 4 ml of media were added per well, together with 20 μg/ml of aprotinin, a
protease inhibitor (Ahmed et al., 2007). The culture medium was changed every 2-3
days and scaffolds were cultured for up to 7 days.

2.2.7 Histological analysis of cell distribution through the FCG scaffold
over time
Histological analysis was performed to investigate cellular infiltration in the FCG
scaffold. Cell-seeded scaffolds were analysed at 3, 5 and 7 days in both the
transverse and longitudinal planes. Samples were sectioned as described in Section
2.2.3, and stained using Masson’s Trichrome with the addition of Weigert’s
hematoxylin to counterstain the vSMCs nuclei (black). Digital images were captured
using a light microscope (ECLIPSE 90i; Nikon, Japan) and the DS Ri camera and NIS
elements software (Nikon, Japan).

2.2.8 Cell viability analysis
To assess cellular viability within the scaffolds, staining was performed using a
Live/Dead kit (Molecular Probes, Eugene, OR, USA) according to the manufacturer’s
protocol at 3, 5 and 7 days post-cell seeding. Calcein was used to stain viable cells
green and ethidium homodimer-1 was used to stain dead cells red. Fluorescence
microscopy was used to observe cell viability using the Leica DMIL Fluorescence
microscope (Leica, Wetzlar, Germany).

2.2.9 Quantification of cell proliferation
The Quant-iT PicoGreen dsDNA kit (BD BioSciences) was utilised according to the
manufacturer’s protocol to assess cell number within the FCG scaffold at Days 0, 3,
5, and 7. Briefly, 100 μl of the PicoGreen reagent solution was added to samples
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containing the 0.2 M carbonate 1% Triton X (Fisher, Dublin, Ireland) cell lysate
buffer and fluorescence was read at 538 nm using a Varioskan Flash plate reader
(ThermoScientific, Dreieich, Germany) and SkanIt RE for Varioskan software.
Sample fluorescence was compared to a standard curve to determine cell number.

2.2.10 Cell-mediated contraction analysis
The effect of cell-mediated contraction by vSMCs on FCG scaffolds and on fibrin gels
was compared. During the 7 day culture period, the dimensions of both scaffold
types were measured daily using Vernier callipers (Krunstoffwerke, Radionics,
Dublin, Ireland) to assess scaffold contraction and graphed as percentage
contraction versus Day 0 (n = 9). Thickness was also measured on Day 0, 3, 5 and 7
using a micrometre. Scaffolds were unconstrained, and media was changed every 23 days.

2.2.11 Statistical analysis
Results are expressed as mean ± standard deviation. Statistical significance was
assessed using one-way analysis of variance (ANOVA), followed by Tukey post-hoc
analysis. The sample size was n=3, except for the contraction assessment study,
where n = 9. P < 0.05 values were considered statistically significant throughout.
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2.3 Results
2.3.1 Analysis of FCG scaffold microstructure
Histological analysis of the FCG scaffolds fabricated using drop-loading and injection
loading techniques revealed that fibrin was not evenly dispersed throughout the CG
matrix in the drop-loaded FCG scaffolds. Instead, it was concentrated on the loaded
side of the CG matrix, as shown in Figure 2.2 A. This inconsistent fibrin
incorporation in the drop-loaded group was also evident in the SEM images, as
shown in Figure 2.2 B. In contrast, histological analysis of the scaffolds formed by
injecting the fibrinogen component, showed excellent infiltration of fibrin
throughout the CG matrix (Figure 2.2 C). Once more, the SEM images confirmed
this, with a homogenous distribution of fibrin observed both in the transverse and
longitudinal plane (Figure 2.2 D). The optimal FCG scaffold contained an infiltration
ratio of 300 μl of fibrin, loaded within a 15.8 mm diameter, 2 mm high CG matrix
(Figure 2.2 C). At this volume ratio, the fibrin component is seen throughout the
thickness of the CG matrix, unlike at the lower volumes, where insufficient
incorporation was observed. Interestingly, with a larger volume above this level, the
CG and fibrin were found to separate from each other (Figure 2.2 E where 350 μl of
fibrin was added).
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Figure 2.2 The injection method of fibrin incorporation showed a more homogenous fibrin

distribution through the CG matrix than the drop loading method.
;ͿDĂƐƐŽŶ͛ƐdƌŝĐŚƌŽŵ
of drop-loaded scaffolds showed uneven infiltration of fibrin (red) through the CG matrix (blue). (B)

SEM confirmed this, revealing little fibrin evident within the CG matrix. (C) DĂƐƐŽŶ͛Ɛ dƌŝĐŚƌŽ
staining of injection loaded FCG scaffolds show fibrin (300µl) throughout the CG matrix. (D) SEM
images of injection loaded scaffolds show fibrin and CG intermingled. (E) Image ŽĨ DĂƐƐŽŶ͛Ɛ
Trichrome staining where 350 µl of fibrin was injection loaded through the CG structure resulting in
overloading of the CG structure with fibrin as seen by the large amount of fibrin which remained on
top of the CG structure. (N = 3 in all cases).

2.3.2 Mechanical characterisation of the FCG scaffold
The compressive and tensile moduli of the FCG scaffold were found to be
significantly higher than those of the fibrin-only gel (Figure 2.3). Compressive
testing of fibrin-only gels showed a compressive modulus of 0.49 kPa ± 0.1, and
when reinforced with the CG matrix this increased to 2.97 kPa ± 0.5, demonstrating
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a six-fold increase in compressive modulus (Figure 2.3 A). While the compressive
modulus of the FCG scaffold was significantly lower (22% lower) than for the CG
matrix (3.83 kPa ± 0.4), it should be noted that the CG compressive modulus of
elasticity presented here was stiffer than previously published CG data from our
laboratory (Haugh et al., 2009), as a higher concentration of collagen was used.
Tensile testing of fibrin-only gels showed a tensile modulus of 0.02 MPa ± 0.01, and
when reinforced with the CG matrix this increased to 0.62 MPa ± 0.1,
demonstrating a 30-fold increase in tensile modulus (Figure 2.3 B). The tensile
modulus of the FCG scaffold was not significantly different to the CG-only matrix
(0.59 MPa ± 0.04).

Figure 2.3 Mechanical properties of FCG scaffold, fibrin gel and CG matrix.
(A) Compressive
modulus of fibrin was significantly increased when incorporated into the CG structure. The
compressive modulus of CG was significantly decreased when fibrin was incorporated. (B) The tensile
moduli of CG and FCG were not significantly different from each other, but both were independently
significant to fibrin alone. * indicates statistical significant difference (P < 0.05) between groups and
N = 3 for all tests.

2.3.3 Histological analysis of cell distribution
vSMCs were successfully incorporated into the FCG scaffold using the injection
technique, with fibrin itself acting as the carrier material. To assess the distribution
of cells throughout the FCG scaffold, Masson’s Trichrome staining was completed at
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Day 3 (Figure 2.4 A & B), Day 5 and Day 7 (Figure 2.4 C & D) which showed cells to
be distributed evenly both transversely and longitudinally. No clumping of cells was
observed, with cells contacting areas of both fibrin and collagen.

Figure 2.4 DĂƐƐŽŶ͛ƐdƌŝĐŚƌŽŵĞƐƚĂŝŶŝŶŐŽĨ
FCGscaffolds, taken at D
ay 3 (A & B) andDay 7 (C & D)
that show fibrin (red) , collagen (blue) and cells (black) throughout the entire scaffold in both the
longitudinal (A & C) and transverse (B & D) planes.
Images taken at Day 5 are not shown here, but
show the same pattern. Some of the cells images are indicated with an (*). Scale bar represents 100
µm. N = 3.

2.3.4 Cell viability assessment
Having successfully infiltrated the FCG scaffold with cells, their viability was
assessed using Live/Dead staining, which demonstrated that a high number of
viable cells were observed at each time point (Figure 2.5). No differences in viability
were observed between cells in fibrin-only gels and in FCG scaffolds. Large numbers
of live cells (green) were evident throughout all images and there were only a very
small number of dead cells (red; Figure 2.5). Interestingly, there was also a
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noticeable increase in total live cell number over time, demonstrating the
proliferation of the cells throughout the scaffold.

Figure 2.5 Live/dead staining of vascular smooth muscle cells (vSMC) in
FCG
a scaffold over 7 days,
show excellent viability with very few dead cells (red) present.
Live cells fluoresce green and are
seen to increase in number from Day 3 (A & B) to Days 5 (C & D) and 7 (E & F). All samples were
seeded at the same seeding density of 1,000 cells per mm3 of scaffold. On day 3, excellent viability is
seen with space remaining within the scaffold structure. By Day 5 the cell number has increased, with
very few dead cells evident. Day 7 showed scaffolds with confluent cell populations. As these samples
were 2 mm deep, the images are picking up cells, both on the surface of the scaffold and cells within
the scaffold. The deeper cells are out of focus in the images. N = 3 at each time point.
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At higher magnifications, normal vSMC morphology was observed by Day 7 and
cells were seen to stretch around the CG pores (Figure 2.5 E). These results
illustrate that the incorporation of fibrin into a CG matrix to form a FCG scaffold
leads to an environment that supports cell viability and proliferation.
Cell proliferation over the 7 day culture period was quantified using a dsDNA
PicoGreen assay (Figure 2.6). A significant increase in dsDNA was observed at Day 7
(compared to Days 0 and 3 but not Day 5) which confirmed the qualitative results
seen in Figure 2.5.

Figure 2.6 An increase in dsDNA was seen over the timepoints using PicoGreen assay, indicating
that the vSMCs were proliferating in the
FCGscaffold. Based on p < 0.05 cell number was shown to
be significantly higher at Day 5 than Day 0 and Day 3, and higher at Day 7 than Day 0 (***). These
results indicate that proliferation of the cells was occurring in the FCG scaffold.
Results represent
three independent samples tested in triplicate.

2.3.5 Cell-mediated contraction analysis
The diameter and thickness of both the FCG scaffolds and the fibrin-only gels were
directly measured each day of the culture period revealing unchanged dimensions
in the cell seeded FCG scaffold (Figure 2.7) over the 7 day period. The FCG scaffold
showed dimensional stability. On the other hand, fibrin-only gels which were
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seeded using the same seeding density, and containing the same fibrinogen
concentration, contracted to 30% of their original diameter after Day 1 and to 10%
by Day 3 (Figure 2.7 A) thus showing that the fibrin-only gels were not
dimensionally stable and were being subjected to significant cell-mediated
contraction – unlike the FCG scaffolds.

Figure 2.7 FCGscaffolds resisted cell
-mediated contractionin vitro, by vascular smooth muscle cells
up to 7 days. As shown in (A), fibrin gels with the same seeding density had contracted to
approximately 10% of their original diameter after 3 days. Graph shows mean ± standard deviation.
N = 9 for these tests. (B) Macro image of cell seeded fibrin gels at Day 0 and subsequently following
contraction, at Day 7. (C) Macro image of FCG scaffold at Day 0, and at Day 7 where no contraction
of the FCG scaffold had occurred.
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2.4 Discussion
The overall aim of this study was to develop a fibrin-collagen-glycosaminoglycan
(FCG) scaffold which would provide a dimensionally stable substrate for tissue
engineering applications, by resisting cell-mediated contraction. Using an injection
method to incorporate fibrin into a collagen-glycosaminoglycan (CG) matrix
ensured that a homogenous distribution of fibrin was achieved throughout the CG
structure. Fibrin alone has a low tensile and compressive modulus; however, when
reinforced with a CG matrix, the tensile and compressive moduli increased 6-fold
and 30-fold respectively. Vascular smooth muscle cells (vSMCs) remained viable and
proliferated within the FCG scaffold, which provided complete resistance to cellmediated contraction over 7 days of culture. This resistance to cell-mediated
contraction offers convincing evidence that the FCG scaffold can provide a
dimensionally stable system for tissue engineering applications. This fully natural
scaffold containing fibrin, collagen and glycosaminoglycan (GAG) offers many
biological advantages as a tissue engineering scaffold for applications such cartilage
development in addition to cardiovascular applications. The greatest potential for
this material is perhaps in the cardiovascular field, and particularly heart valves,
where cell-mediated contraction of tissue engineered devices has proven to be a
problem in achieving functional repair tissue (van Vlimmeren et al., 2012). This will
be the focus of the remainder of the thesis in Chapters 3, 4 and 5.
The use of an injection technique proved to be a suitable methodology for
achieving a homogenous distribution of fibrin throughout the CG matrix, and this
was demonstrated through histological analysis and SEM imaging. Uniformly
infiltrating a porous natural polymer matrix with fibrin, before the fibrin
polymerised, posed a major challenge. Drop-loading of fibrin onto the CG matrix
proved unsuccessful, as a barrier of polymerised fibrin blocked the passage of the
remaining unpolymerised fibrin through the CG structure. The volume ratio of fibrin
to CG matrix was also assessed and a volume of 300 µl of fibrin per 15.8 mm
diameter, 2 mm high CG matrix, was found to be optimal. This represented
approximately 0.8 µl of fibrin per mm3 of CG matrix. Interestingly, a higher volume
ratio of fibrin to CG was more difficult to physically integrate into the CG matrix in
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the time prior to polymerisation and resulted in a layer of fibrin remaining on the
surface of the CG matrix.
Reinforcing fibrin with a CG matrix resulted in an increase in mechanical properties
of the resultant FCG scaffold. This increase in compressive and tensile moduli is
explained by the framework of the CG struts within the FCG scaffold which
reinforced the fibrin gel. The CG struts resist the applied load and result in a higher
modulus for the FCG scaffold, than for fibrin gels. This was most obvious with
regards to the tensile modulus, which increased 30-fold. There was no significant
difference between the tensile moduli of the CG and the FCG scaffolds. We propose
that as fibrin gel has a low tensile modulus in comparison to the CG tensile
modulus, it adds no resistance to alignment of the CG pores under tension (Harley
et al., 2007). However, the realignment of CG pores under compression was
hindered by the presence of the fibrin, thus resulting in a 22% reduction of
compressive modulus for FCG than for CG matrix alone. The tensile strength of
fibrin is difficult to measure due to its gel-like properties, thus it is not widely
reported in the literature. In this study, all materials were polymerised in a dogbone
shape enabling the measurement of their tensile properties. Fibrin has previously
been combined with polyglycolic acid, hyaluronic acid–tyramine and collagen
(Cummings et al., 2004; Hokugo et al., 2006; Lee and Kurisawa, 2013; Rowe et al.,
2007; van Vlimmeren et al., 2013) and while these combinations increased the
mechanical properties of fibrin, the resistance to cell-mediated contraction
remained minimal. This was due perhaps to the bonding between the materials.
However, it is not necessarily the case that the stiffer the scaffold the better, as
matrix stiffness also has the ability to regulate cell motility, proliferation and
differentiation in various cell types (Discher et al., 2005; Engler et al., 2006; Haugh
et al., 2011; Pho et al., 2008; Yip et al., 2009). Additionally, many of these studies
(Cummings et al., 2004; Hokugo et al., 2006; Lee and Kurisawa, 2013; Rowe et al.,
2007; van Vlimmeren et al., 2013) did not report strong cell viability.
Using collagen and GAGs as reinforcement materials for a fibrin gel in this study has
many advantages. Firstly, fibrin, collagen and GAGs are all natural materials which
degrade enzymatically and the rate of degradation can be controlled through the
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use of protease inhibitors, unlike synthetic materials which degrade in bulk (Shah et
al., 2008). This correlation between degradation and tissue formation is important
to ensure that the newly formed tissue does not contract. The Masson’s Trichrome
images here (Figure 2.4) show that after 7 days in culture, both fibrin and CG are
still present within the scaffold. As collagen is the building block for many biological
tissues, it is advantageous to include it in a scaffold due to its ability to encourage
normal biological functions in cells. Fibrin promotes extra cellular matrix (ECM)
synthesis in the cells that it houses while also retaining deposited ECM due to the
gel-like nature of the biomaterial. Fibrin, collagen and GAGs together have proven
to be a suitable environment for both cardiovascular (Alfonso et al., 2013; Flanagan
et al., 2006; Neidert and Tranquillo, 2006; van Vlimmeren et al., 2013) and cartilage
applications (Deponti et al., 2014; Eyrich et al., 2007). GAGs such as chondroitin
sulphate and hyaluronic acid are found abundantly in the cardiac cushion, from
which valvulogenesis occurs, and studies have shown that the signalling molecules
contained within these glycosaminoglycans, regulate further heart valve
development (Armstrong and Bischoff, 2004; Eckert et al., 2012; Person et al.,
2005). When designing a scaffold for heart valve applications where the ability to
repair and grow the tissue in vivo may be required, this combination of materials
can only be advantageous. GAGs are also present within the cartilage ECM, with
chondroitin sulphate being the main component and hyaluronic acid, keratan
sulphate and dermatan sulphate also present. Chondroitin sulphate has been
shown to stimulate chondrogenesis in vitro and to promote cellular ingrowth and
cartilaginous tissue formation in vivo (Buma et al., 2003; van Susante JLC et al.,
2001). Therefore, we believe that due to the biological properties of its
components, this FCG scaffold may also be a suitable scaffold for cartilage
applications.
When vSMCs were incorporated within the fibrin, an even distribution of cells
throughout the FCG scaffold was achieved, as the fibrin polymerised quickly,
securing the cells in position. This seeding process proved very efficient,
demonstrated by the high cell retention levels seen. Notably, an initial homogenous
cell distribution, as shown in this study, has been linked with strong ECM
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production (Kim et al., 1998). In contrast, distribution and attachment of cells in
many scaffolds require cells to migrate through from one side, which exposes the
risk of low cell attachment, making the scaffolds unsuitable for tissue development
(Ye et al., 2000b; Zund et al., 1999). As demonstrated through live/dead staining
and DNA quantification, the increase in cell numbers over the 7 days showed
proliferation within the scaffold, leading to a high cell density. The reduction in cell
number between Days 5 and 7 in this scaffold is not statistically significant, and
should be viewed as normal experimental variation. While there are some dead
cells observed by Day 7 in Figure 2.5 (D and E), overall cell viability is high (Figure
2.5) with a statistical increase in cell number overall (Figure 2.6). Together, these
findings have positive clinical implications, as the efficient seeding process, and the
ability of the FCG scaffold to support proliferation, would ensure fewer donor cells
were required prior to the construction of regenerated tissue.
Fibrin has many uses as a tissue engineering scaffold, however many in vivo studies
have shown a reduction in function resulting from the susceptibility of fibrin to cellmediated contraction. Over 7 days in culture, the FCG scaffold developed in this
study resisted contraction by vSMCs, thereby achieving the primary aim of the
study. Three separate factors may have influenced the ability of the FCG scaffold to
resist contraction. Firstly, increased stiffness of the substrate, due to crosslinking,
has been reported to reduce cell-mediated contraction (Sheu et al., 2001; Syedain
et al., 2009). FCG is a stiffer material than fibrin alone and so its resistance to
deformation and bending is higher. The crosslinking of the CG matrix ensures that
this stiffness is representative of the microstructure of the matrix and not a bulk
material property. This ensures that at a size scale relevant to the cells
encapsulated, the microstructure of CG struts resists the cell–mediated contraction.
Valvular interstitial cells (vICs) have demonstrated the ability to sense their
biomechanical environment resulting in pathological differentiation in vitro to
osteoblast lineages. This has been attributed to a combination of both culturing on
matrices with a compressive stiffness of higher than ~110 kPa and biochemical
changes resulting in an increase in cell stiffness (Merryman et al., 2007; Wyss et al.,
2012; Yip et al., 2009). This suggests that while the FCG scaffold is stiff enough to
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resist cell-mediated contraction, this stiffness is not at a level sufficiently high that it
might cause calcification by the cells. Secondly, an increase in collagen density has
been reported to reduce cell-mediated contraction (Legant et al., 2009). The
concentrations of both collagen and GAG utilised in this study were optimised to
provide the most stable combination of each macromolecule. 0.75% collagen w/v is
a higher concentration than used for orthopaedic applications in our lab (Keogh et
al., 2010; Tierney et al., 2009a), however, once infiltrated with fibrin, other
concentrations did not have the inherent structural stability, even when
crosslinked, to endure handling and manipulation when infiltrated with fibrin
during experiments. Thirdly, GAGs have also been shown to reduce cell-mediated
contraction (van Vlimmeren et al., 2013). In studies where minimising contraction
of fibrin was examined, the amount of glycosaminoglycans available to the tissue
had a direct impact on the level of cell-mediated contraction that occurred, with
greater amounts of GAGs leading to lower cell-mediated contraction. This was
hypothesised to be due to the damping effect of the GAGs, however the types of
GAGs in the study were not determined (van Vlimmeren et al., 2013). From a heart
valve perspective, the spongiosa layer of the heart valve, which is comprised
primarily of GAGs, works as a cushion allowing the spongiosa and ventricularis to
shear relative to each other and the water retained by the glycosaminoglycans also
provides a damping effect to the tissue (Misfeld and Sievers, 2007). Findings from
the static analysis suggest that when exposed to a dynamic environment, these
materials will continue to demonstrate appropriate dimensional stability and
resistance to proteolytic activity and haemodynamic forces. This clearly warrants
further investigation.
Taken together, the results herein provide compelling evidence that the FCG
scaffold developed in this Chapter, provides a natural scaffold which can resist cellmediated contraction normally seen in fibrin scaffolds. The structure of the FCG
scaffold is homogenous and provides higher compressive and tensile moduli than
fibrin alone. Cells can be incorporated efficiently providing an excellent cell
distribution of viable cells which proliferate over time. Over 7 days in unconstrained
culture, the dimensions of the FCG scaffold did not change, showing an ability to
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resist cell-mediated contraction, while still maintaining cell viability. As collagen
also forms the main component of a range of tissue types within the body, the FCG
scaffold presented has potential for applications in areas such as cardiovascular and
cartilage repair due to its mechanical properties and unique biological framework.
In the remainder of this thesis, the use of this scaffold for heart valve applications
will be explored.

2.5. Conclusion
This study presents the development of a natural fibrin-collagen-glycosaminoglycan
scaffold with unique mechanical and biological properties and a controlled
microstructure. Using a technique where fibrin was injected into a collagenglycosaminoglycan porous matrix, an effective manufacturing process that ensured
excellent integration of all scaffold constituents was established. The compressive
and tensile moduli of this FCG scaffold were significantly increased, in comparison
to fibrin alone. Consistent cell viability, with an increase in vSMC proliferation over
7 days, was also demonstrated. Crucially, the ability of this fibrin-collagenglycosaminoglycan scaffold to resist cell-mediated contraction was demonstrated,
with no change in scaffold dimensions over 7 days. These results show the potential
of this biomaterial for use in applications where dimensional stability is crucial to
the functionality of the tissue and also where a tissue engineering solution
comprised of all natural materials makes a more attractive option than currently
available materials.
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Chapter 3- Development of a FCG heart valve shaped scaffold

This Chapter is currently submitted and under review. Claire M Brougham, Tanya J
Levingstone, Gerard Cooney, Nian Shen, Thomas C. Flanagan, Fergal J O’Brien;
Freeze-drying as a biofabrication method for natural biomaterials to create large
geometries with a controlled microstructure.

88

3.1 INTRODUCTION ............................................................................................................................... 90
Objectives .................................................................................................................................... 91
3.2 MATERIALS AND METHODS ............................................................................................................... 93
3.2.1 The effect of mould conductivity and freezing temperatures on freeze-drying of a HV
shaped CG matrix ........................................................................................................................ 93
3.2.2 Characterisation of the CG microstructure ......................................................................... 94
3.2.3 Development of a crosslinking methodology - the effect of different solvents .................. 95
3.2.4 Validation of the freeze-drying and crosslinking processes ................................................ 96
3.2.5 Effect of collagen concentration on the pore size, structural and mechanical properties of
HV shaped CG matrices ............................................................................................................... 97
3.2.6 Incorporating fibrin into the HV shaped CG matrix ............................................................ 98
3.2.7 Statistical analysis .............................................................................................................. 99
3.3 RESULTS ...................................................................................................................................... 100
3.3.1 The effect of mould conductivity and freezing temperatures on freeze-drying of a HV
shaped CG matrix ...................................................................................................................... 100
3.3.2 Characterisation of the microstructure in HV shaped CG matrices produced using different
moulds and freezing temperatures ........................................................................................... 102
3.3.3 Development of a crosslinking methodology for the HV shaped CG matrix- effect of
different solvents ....................................................................................................................... 105
3.3.4 Validation of an optimised freeze-drying mould .............................................................. 106
3.3.5 Effect of collagen concentration on the structural and mechanical properties of a HV
shaped CG matrix ...................................................................................................................... 110
3.3.6 Incorporation of fibrin into the HV shaped CG matrix ...................................................... 113
3.4 DISCUSSION ................................................................................................................................. 115
3.5 CONCLUSION ................................................................................................................................ 120

89

3.1 Introduction
Scaffolds for tissue engineering preserve tissue volume while providing appropriate
mechanical properties, microstructure, degradation kinetics, and biofactor delivery
for development of specific tissue. Significant progress has been made optimising
scaffolds for different applications such as bone, cartilage, skin and diaphragm
repair (Brouwer et al., 2013; Caliari et al., 2015; Hollister, 2005; Levingstone et al.,
2016, 2014; Murphy et al., 2010; O’Leary et al., 2016; Yannas et al., 2010) but for
applications where a complex shape is required to preserve tissue volume,
fabrication of a suitable scaffold can present challenges. While synthetic materials
can be manipulated into a vast array of shapes with a porous microstructure, albeit
often through the use of harsh fabrication processes, many of these same methods
cannot be used for natural materials, if bioactivity and functionality is to be
preserved (Hinton et al., 2015; Hollister, 2005; Koens et al., 2011; Zeugolis et al.,
2008). Thus, the biofabrication of large scaffolds into complex 3D shapes with a
defined microstructure from natural biomaterials remains a major obstacle for
many tissue engineering applications.
This challenge is particularly relevant to the fabrication of scaffolds for heart valve
(HV) applications. Excluding decellularisation of valve tissue, there are two main
categories of scaffolds currently being investigated: scaffolds composed of
synthetic, degradable materials such as polyglycolic acid (PGA), poly-4hydroxybutyrate (P4HB) and poly(ethylene terephthalate) (PET) (Baaijens et al.,
2005; Ghazanfari et al., 2015; Moreira et al., 2014; Weber et al., 2013) and natural
material scaffolds such as collagen and fibrin (Flanagan et al., 2009; Syedain et al.,
2015; Takewa et al., 2013). However, irrespective of the approach utilised, a major
problem with tissue engineered HVs is cell-mediated contraction and the
subsequent shortening of the valve leaflets resulting in leaflets that are unable to
coapt (Flanagan et al., 2009; Gottlieb et al., 2010; MacGrogan et al., 2014; Sanders
et al., 2015; Schmidt et al., 2007; Syedain et al., 2014; van Vlimmeren et al., 2012).
In Chapter 2 a dimensionally stable fibrin-collagen-glycosaminoglycan (FCG) scaffold
was developed which has potential as a HV scaffold, due to its unique biological and
mechanical properties, and specifically its ability to resist cell-mediated contraction.
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To upscale this FCG scaffold into a HV shape, the initial challenge lies in developing
a biofabrication method to freeze-dry a CG matrix in a HV shape.
In order to freeze-dry such a complex structure, complete freezing and drying is
critical to ensure the matrix does not collapse once rehydrated. This is not a trivial
issue as a HV geometry has a large height to width ratio making it difficult to control
the heat transfer through the mould holding the collagen suspension. With poor
control of the freezing process, complete freezing of the suspension may not occur.
Additionally, as the structure is tall and held within a mould, drying is challenging as
the sublimated gas must entirely escape through the top of porous structure, a long
passage for the gas at the base of the matrix. In terms of achieving a controlled
porous microstructure, our lab has demonstrated that altering the final freezing
temperature influences pore size (Haugh et al., 2010) and a homogenous freezing
rate throughout the collagen suspension creates less variation in pore size (O’Brien
et al., 2004). Therefore, using our experience in the area, we postulated that, while
challenging, freeze-drying could be a viable biofabrication process for large complex
geometries with a controlled microstructure, if these parameters can be tightly
controlled.

Objectives
The overall goals of this Chapter were to (1) develop a biofabrication method to
produce a HV shaped collagen-glycosaminoglycan (CG) matrix and (2) to
subsequently use this to create a HV shaped version of the fibrin-collagenglycosaminoglycan (FCG) scaffold previously developed in Chapter 2.
In line with the first goal the specific aims were to:
a) Identify the optimal freeze-drying process parameters to produce a HV
shaped CG matrix using a custom designed mould, by investigating the
effect of mould conductivity and freezing temperatures on the resultant
matrix microstructure
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b) Identify the optimal crosslinking methodology for these HV shaped CG
matrices by investigating the effect of different crosslinking solvents on the
shrinkage and the ease of handling of the HV shaped CG matrices
c) Validate through characterisation of (i) the freezing cycle, (ii) resultant pore
sizes and (iii) overall dimensions, that the identified freeze-drying and
crosslinking processes produced HV shaped CG matrices of consistent and
predictable morphology.
In line with the second goal and having established an optimised biofabrication
method the specific aims were:
a) Establish the effect of varying collagen concentration on the pore size,
structural and mechanical properties of the HV shaped CG matrix
b) Apply the injection technique established in Chapter 2 to incorporate fibrin
into the HV shaped CG matrix and determine the distribution of fibrin in the
resultant FCG scaffold through histological and mechanical characterisation
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3.2 Materials and Methods
All chemicals were obtained from Sigma-Aldrich (Arklow, Ireland) unless otherwise
noted.

3.2.1 The effect of mould conductivity and freezing temperatures on
freeze-drying of a HV shaped CG matrix
HV shaped CG matrices were fabricated by freeze-drying in a Virtis Genesis Freezedryer (Biopharma, UK) using specifically designed HV moulds (Figure 3.1). This
mould design was based on a design by Flanagan and Jockenhoevel (Flanagan et al.,
2007; Jockenhoevel et al., 2001a). Two mould materials with different thermal
conductivities were investigated, a polymer (polyoxymethylene; POM) mould, and a
metallic (aluminium) mould, and both were manufactured in-house to the same
dimensions. A CG suspension (0.5% collagen, 0.044% glycosaminoglycan w/v in 0.05
M acetic acid) was produced as described in Chapter 2, Section 2.2.1. The HV
moulds were filled with CG suspension and freeze-dried using a freezing rate of 1°C
per minute. Final freezing temperatures of both -10°C and -40°C were used in order
to determine the effect of final freezing temperature on the microstructure of the
HV shaped CG matrix, as varying the final freezing temperature has been previously
shown to alter the pore size of scaffolds (Haugh et al., 2010). The temperature
profile was mapped at two minute intervals throughout the freezing process using a
microprocessor thermocouple (HH22, Omega Engineering, Stamford, CT), by placing
the thermocouple elements (Type K Thermocouple, Omega Engineering) on the
freeze-dryer shelf (which is the reference temperature of the machine), in the CG
suspension at the top of each mould, and at the position of the leaflet, within each
of the moulds (Figure 3.1 A).
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Figure 3.1 Freeze-drying of collagen-based biomaterials requires a mould to hold the collagen
suspension during the freeze
-drying process. Two moulds were produced to the same design, one
from aluminium and one from polyoxymethylene. These rendered images show the shape of these
identical moulds (A) an assembled view and (B) an exploded view. Image (C) shows the central
locking mechanism which is part of this mould design
. The placement of thermocouples during
freezing are indicated in (A) with [T] being at the top of the collagen suspension, [L] at the position of
the leaflets. These were also the locations of samples taken from the resultant CG matrix with the
additional sampling at [B] the bottom of the mould.

3.2.2 Characterisation of the CG microstructure
To assess the microstructure of the resultant CG matrices, scanning electron
microscopy (SEM) (Hitachi SU6600 VP-SEM; Hitachi High Technologies America Inc.,
Clarksburg, USA) was used as described in Chapter 2, Section 2.2.4. Samples were
taken from the top, leaflet and bottom positions of the HV, as shown in Figure 3.1
A.
To quantify the pore size within each of the HV shaped CG matrices, samples were
embedded using a JB-4 glycomethacrylate resin which allowed the size and
homogeneity of the pores to be analysed. Three samples each of the top, leaflet
and bottom positions, from each HV shaped CG matrix variant (Figure 3.1 A for
positions) were fixed in 10% formalin solution, followed by dehydration according
to the manufacturer’s protocol. The samples were then embedded with the JB-4
glycomethacrylate embedding kit (Polysciences, Inc., Warrington, USA) which
comprised of an infiltration solution and an embedding solution. As the solution
began to set, block holders were added to allow for easy sectioning of the samples
at 10 µm on a rotary microtome (Leica RM 2255, Leica, Germany). A minimum of 12
slides per each condition were stained using a 1% toluidine blue solution to
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visualise the pores. Three images were taken across each slide with a microscope
(Eclipse 90i, Nikon, Japan) and a digital camera (DS Ri1, Nikon, Japan). These images
were analysed using a Matlab (The Math Works Inc, MA, USA) programme
specifically developed in our lab to construct a best-fit ellipse for each individual
pore and calculate the average pore cross-section from each image (Haugh et al.,
2010). A minimum of 200 pores were analysed at each position, for each scaffold
variant.

3.2.3 Development of a crosslinking methodology - the effect of different
solvents
Combinations of two crosslinking methods were used, a physical crosslinking
method followed by a chemical crosslinking method. The HV shaped CG matrix was
physically crosslinked and sterilised using dehydrothermal processing (DHT) for 24
hours at 105°C, as described in Chapter 2, Section 2.2.1. To chemically crosslink the
matrix, 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide (EDAC) in combination with
N-hydroxysuccinimide (NHS; a crosslinking catalyst) was used. A support structure
was designed and built (Figure 3.2) onto which the HV shaped CG matrix was
housed so that it could be both EDAC crosslinked, and subsequently infiltrated with
fibrin. However, the effect of EDAC crosslinking using (1) water as the solvent and
(2) with ethanol as the solvent, on the shrinkage and the ease of handling of the HV
shaped CG matrices was examined. Ethanol is not typically used as a crosslinking
solvent with the collagen-based biomaterials developed by our lab, but has
previously been shown to be an effective crosslinking solvent (Barnes et al., 2007).
Note: the HV shaped CG matrix used for this study was based on the results of the
initial experiments described above and was produced at a final freezing
temperature of -10°C using the aluminium mould described in Figure 3.1.
EDAC (6 mM) was calculated per mass of collagen (pre hydration), dissolved in the
appropriate solvent and filter sterilised. A molar ratio of 2.5 M EDAC/M NHS was
used for all EDAC crosslinking (Haugh et al., 2011). The HV shaped CG matrix was
then placed on the leaflet stamp of the support structure and the cylinder wall was
attached to create a reservoir. The EDAC solution was pipetted into the support
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structure and left for two hours. Post EDAC in water, two washes of PBS were
completed and post EDAC in ethanol, washes of 100% ethanol, 50% ethanol and
two washes of phosphate buffered saline (PBS), each for 15 minutes were carried
out. The dimensions of the CG matrix (thickness of the wall, leaflets and internal
radius of the scaffold) post initial hydration and post EDAC crosslinking were
measured using a micrometre and callipers to calculate the total shrinkage of the
matrix (Krunstoffwerke, Radionics, Dublin, Ireland). Handling was assessed based
on the ability of the HV shaped CG matrices to support their own weight once
removed from the support structure, post crosslinking.

Figure 3.2 The support structure designed to facilitate crosslinking of the HV shaped CG matrix.
The HV shaped CG matrix was positioned on top of the leaflet shaped stamp which was threaded
into the cylinder wall to create a chamber where the crosslinking solution
ould
c infiltrate through
the CG matrix.The support is shown in (A) as an exploded rendering of both parts and (B) shows a
CG matrix sitting on the leaflet shaped stamp component. The support structure was machined from
POM.

3.2.4 Validation of the freeze-drying and crosslinking processes
Based on the results obtained from the initial experiments, a mould designed for
optimal freeze-drying of the HV shaped CG matrix (for clarity this will be called the
final mould) was used for subsequent experiments. In order to validate this mould
and the biofabrication process the following parameters were measured across
three, separately produced HV shaped CG matrices.
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1. Consistency of the freezing cycle - Temperature profile within the CG
suspension (top of mould, in the leaflet position and at the bottom of the
mould), in relation to the freeze-dryer shelf was charted.
2. Pore architecture across the HV shaped CG matrix - This was assessed using
the JB-4 embedding technique, previously described in Section 3.2.2.
3. Verification that final crosslinked HV shaped CG dimensions were as
intended - This was verified using callipers.
The requirements from these experiments was that the final biofabrication process
established must ensure a controlled freezing process and result in HV shaped CG
matrices with a consistent and predictable morphology.

3.2.5 Effect of collagen concentration on the pore size, structural and
mechanical properties of HV shaped CG matrices
Having established the optimal process parameters for fabrication of the HV shaped
CG matrix, the next aim was to establish the effect of varying collagen
concentration on the pore size, structural and mechanical properties of the HV
shaped CG matrix. Due to the challenges in fabricating a large complex structure,
collagen concentration was deemed to be an important variable in establishing the
optimum biofabrication process. Suspensions of three different collagen contents
(0.5%, 0.75% and 1% collagen), all containing 0.044% glycosaminoglycan, were
prepared for freeze-drying in the final mould. Freeze-drying was completed using
the final mould and at a final freezing temperature of -10°C. Matrices were
crosslinked using DHT and EDAC in ethanol as described in Section 3.2.3.
To understand the influence of increased collagen content on pore size within the
HV shaped matrix, the pore architecture at the top, leaflet and the bottom position
was evaluated for each collagen concentration, using the technique described
previously in Section 3.2.2. While difficult to quantify, ease of handling is an
important attribute to ensure the material is sufficiently easy to work with and
manipulate. Ease of handling of the HV shaped CG matrices was qualitatively
assessed by the ability of each to support its own weight post crosslinking. Uniaxial
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compressive and tensile tests were performed to assess the effect of different
collagen concentrations on the mechanical properties the HV shaped CG matrix. For
compressive testing, one disk (15 mm diameter) from the leaflet position was used
and for tensile testing a rectangular shaped sample (4 mm by 25 mm), also from the
leaflet position was used. Samples were hydrated in PBS during testing on a
mechanical testing machine (Zwick/Roell, Ulm, Germany) fitted with a 5 N load cell.
Compressive and tensile tests were conducted as described in Section 2.2.5. Each
sample was tested in triplicate.

3.2.6 Incorporating fibrin into the HV shaped CG matrix
Having identified the optimal parameters for the biofabrication of a HV shaped CG
matrix, the next challenge was to create a FCG scaffold, as described in Chapter 2,
in a HV shape. Based on the results of the previous study, a HV shaped CG matrix
containing 0.75% collagen was initially created and crosslinked. Subsequently this
was infiltrated with fibrin to determine whether a HV shaped FCG scaffold, with a
homogenous distribution of fibrin, was achievable. Post EDAC crosslinking (in
ethanol) and subsequent washes as outlined in Section 3.2.3, the HV shaped CG
matrix remained on the leaflet shaped stamp component of the support structure
and the cylindrical wall of the support structure was unscrewed to allow access to
all areas of the CG matrix (Figure 3.2). The volume of the HV shaped CG matrix was
calculated and fibrin volume required was calculated using the ratio established in
Chapter 2, 0.8 µl of fibrin per mm3 of CG matrix. The CG matrix was dehydrated
using a sterile gauze and fibrinogen was prepared to a concentration of 10 mg/ml,
as described in Chapter 2, Section 2.2.2. A mixture of thrombin, tris buffered saline
(TBS) and CaCl2 was dripped over the entire HV shape. Subsequently, fibrinogen
was injected into the CG matrix using a 27 gauge syringe. As the HV shaped CG
matrix was thin, care was needed not to tear it while injecting the fibrinogen
solution and a planned pattern was used to allow even distribution of the
fibrinogen. The HV shaped FCG scaffold (still on the support structure) was placed
on a sterile petri dish and covered with a sterile beaker. This cover was required to
prevent evaporation of the fibrin while it polymerised (approximately 45 minutes).
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The infiltration of fibrin into the HV shaped CG matrix was characterised by
removing samples from the HV wall and leaflet and preparing them for Masson’s
Trichrome stain, as described in Chapter 2, Section 2.2.3. To assess the uniformity
of mechanical properties across the HV shaped FCG scaffold, compressive testing
was carried out on disks (15 mm in diameter) of the valve leaflet and the valve wall
as described in Section 3.2.5.

3.2.7 Statistical analysis
Results are expressed as mean ± standard deviation. Statistical significance was
assessed using one-way analysis of variance (ANOVA), followed by Tukey post-hoc
analysis for the pore size analysis experiments and mechanical testing where three
individual groups were analysed. For mechanical testing with two groups, t-tests
were used. P < 0.05 values were considered statistically significant throughout. The
sample size was n = 3.
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3.3 Results
3.3.1 The effect of mould conductivity and freezing temperatures on
freeze-drying of a HV shaped CG matrix
Two HV moulds with different thermal conductivities, one manufactured from
aluminium and one from POM, were used to freeze-dry HV shaped CG matrices at
final freezing temperatures of -10°C and -40°C. The aluminium mould consistently
produced a higher quality HV shaped CG matrix (Figure 3.3 A) while the CG matrix
freeze-dried in the POM mould showed large, random voids at the top of the shape,
evidence of an uncontrolled cooling process. In some cases, parts of the leaflet
were missing (Figure 3.3 B).
These findings correlate with the recorded temperature profile within the moulds.
The aluminium mould recorded an average temperature profile much closer to the
reference (shelf) temperature, than the POM mould (Figure 3.4). This was most
obvious when freeze-drying with a final freezing temperature of -40°C (Figure 3.4 A)
where the aluminium mould closely followed the shelf temperature profile. In
contrast, the POM mould took over 50 minutes longer to drop below 0°C at both
freezing temperatures. The initial rate of cooling within the POM mould was also
slower as can be seen by the slope of the initial part of both graphs (Figure 3.4). We
suggest that the low thermal conductivity of the POM mould did not allow for a
controlled cooling rate within the CG suspension. This uncontrolled cooling
observed in the POM mould, regardless of final freezing temperature, prevented a
HV shaped CG matrix being consistently produced.
One notable problem with the design of these moulds was that the pins from the
central locking mechanism shown in Figure 3.1 C, prevented full coaptation of the
leaflets as the space for the locking mechanism within the mould formed a void in
the resultant CG matrix (Figure 3.3 A). This was addressed in the design of the final
mould.
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Figure 3.3 Initial results showed that the aluminium mould produced a high quality CG matrix,
however, the POM mould was not suitable for producing a HV shaped CG matrix.
(A) The
aluminium mould consistently produced a high quality, uniform HV shaped CG matrix, free from
random holes. (B) The matrix produced within the POM mould showed large, random holes with
parts of the leaflet missing. One notable issue with the mould design was that the pins connecting
both parts of the mould prevented full coaptation of the leaflets (shown by the arrow in (A)).

Figure 3.4 Average temperature profiles recorded during freeze
-drying at different final freezing
temperatures in an aluminium mould, a POM mould and at the freeze
-dryer shelf. Graphs show
that at a final freezing temperature of (A) -10°C and (B) -40°C the aluminium mould follows the shelf
(reference) temperature more closely than the POM mould. Only the cooling and freezing duration of
the cycle is shown in both cases, as this was the most important part of the process for pore
architecture development. Each line shown is an average of three individual positions (top, leaflet
and bottom) within each mould.
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3.3.2 Characterisation of the microstructure in HV shaped CG matrices
produced using different moulds and freezing temperatures
Having established that the aluminium mould followed the shelf temperature
profile closely, it was unsurprising that SEM imaging confirmed that this resulted in
a HV shaped CG matrix with a consistent microstructure across the height of the
structure (Figure 3.5). In contrast, SEM imaging of the HV shaped CG matrix
produced in the POM mould (Figure 3.6), showed inconsistent microstructure
across its height.

Figure 3.5 HV shaped CG matrices produced in the aluminium mould showed consistent
ore p
architecture at different positions across the height of the scaffold.
SEM image (A) shows a sample
of pore architecture from the top, the leaflet and from the bottom of the valve. Scale bar is 200 µm.
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Figure 3.6 SEM images taken at different posi
tions within the HV shaped CG matrix showed
inconsistent pore architecture when freeze
-dried in a POM mould.Images from the top, leaflet and
bottom position of the matrix showed differences between the positions and a range of small and
large pore sizes were evident at each position. Scale bar is 200 µm.

Further confirmation of the controlled freezing within the aluminium mould was
revealed using pore size analysis; a regular pore size and distribution was found
across the height of the HV shaped CG matrix (Figure 3.7). When the freeze-drying
temperatures were compared, at -10°C average pore sizes of 149.5 ± 22.6 μm,
128.9 ± 39.3 μm and 143 ± 27.9 μm, were recorded at the top, leaflet and bottom
positions of the HV shaped CG matrix respectively. At a final freezing temperature
of -40°C, the HV shaped CG matrix had a mean pore size of 97.2 ± 27.6 μm, 100.87 ±
23.3 μm and 90.87 ± 19.0 μm across the same positions. The consistency of the
pore sizes produced by the aluminium mould was promising, as the larger pores
achieved using a temperature of -10°C are advantageous for tissue engineering,
encouraging diffusion of cells and nutrients throughout the porous structure
(Murphy et al., 2010).
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Figure 3.7 Pore architecture of a HV shaped CG matrix fabricated using the aluminium mould show
uniformity across the HV height of the HV shape, ardless
reg
of position.Final freezing temperature

of -10°C, produced a 149.5 s 22.6 ʅŵƉŽƌĞƐŝǌĞĂƚƚŚĞƚŽƉŽĨƚŚĞŵŽƵ
s 39.3 ʅŵƉŽƌĞƐŝǌĞ

at the leaflet position; 143 s 27.9 ʅŵƉŽƌĞƐŝǌĞĂƚƚŚĞďŽƚƚŽŵŽĨƚŚĞŵ

In contrast, the CG matrices freeze-dried in the POM mould showed a large
variation in pore sizes across the height of the mould (Figure 3.8). For example, at a
final freezing temperature of -10°C, pore sizes of 601.5 ± 97.2 μm, 115.9 ± 56.6 μm,
and 30 ± 15.3 μm were measured across the top, leaflet and bottom of the matrix.
At a final freezing temperature of -40°C, an average pore size of 308 ± 61.3 μm, 102
± 27.3 μm and 80 ± 28.2 μm were recorded. Such large variations in pore
architecture across the height of the CG matrix are undesirable.
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Figure 3.8 Pore architecture of a HV shaped CG matrix fabricated using the POM mould show
heterogeneity across the height of the HV shape.
Final freezing temperature of -10°C, produced a

601.5 ± 97.2 ʅŵƉŽƌĞƐŝǌĞĂƚƚŚĞƚŽƉŽĨƚŚĞŵŽƵůĚ͖ϭϭϱ͘ϵ
56.6 ʅŵƉŽƌĞƐŝǌĞĂƚƚŚĞůĞ

30 ± 15.3 ʅŵƉŽƌĞƐŝǌĞĂƚƚŚĞďŽƚƚŽŵŽĨƚŚĞŵŽƵůĚ͘^ĐĂů

Thus, the results from these initial studies showed that an aluminium mould
produced both the most consistent HV shape, and most uniform pore size across
the height of the HV shaped CG matrix. In addition, a final freezing temperature of
-10°C enabled development of matrices with the largest pore sizes, which is
advantageous both from a general tissue engineering perspective and for the
incorporation of fibrin into the HV shaped CG matrix.

3.3.3 Development of a crosslinking methodology for the HV shaped CG
matrix - effect of different solvents
Having successfully produced a prototype HV shaped CG matrix, a crosslinking
method was developed. DHT was successfully used to sterilise and physically
crosslink the matrix and subsequently the effect of EDAC crosslinking using water or
ethanol as the solvent was assessed. While both solvents enabled crosslinking of
the HV shaped CG matrix, EDAC crosslinking in ethanol produced an easier-tohandle material. When crosslinked in water the HV shaped CG matrix collapsed
under its own weight and was difficult to manipulate, whereas crosslinking in
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ethanol produced a HV shaped CG matrix that had sufficient structural strength to
remain upright unaided, and consequently was easy to manipulate. However, the
HV shaped CG matrices crosslinked in ethanol, experienced a 25% reduction in size,
perhaps due to the extra crosslinks formed during the crosslinking process. This
reduction in size was managed by increasing the dimensions in the initial freezedrying mould cavity when designing the final mould.

3.3.4 Validation of an optimised freeze-drying mould
The results of the freeze-drying and crosslinking studies presented in Sections 3.3.1,
3.3.2 and 3.3.3 influenced the design of the final mould. In the initial aluminium and
POM moulds, the leaflets of the HV shaped CG matrices produced were prevented
from fully coapting due to the locking mechanism found centrally within the mould
(Figure 3.1 C). The final mould design relocated this locking mechanism to the
external housing, allowing full coaptation of valve leaflets (Figure 3.9) and
stabilisation of the mould. The final mould was manufactured from aluminium and
the base and sides had a thickness of 4 mm. A controlled temperature profile was
required during freezing to create a matrix with homogenous pore architecture and
the heat transfer through the base and side walls were critical parameters. The
dimensions of the cavity of this final mould were also increased to allow for the
shrinkage experienced by the HV shaped CG matrices during EDAC crosslinking,
where ethanol was utilised as the solvent.
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Figure 3.9 Rendered images of the final mould used to produce the HV shaped CG matrix.
(A)
Image shows an exploded view of the design, note that the stamps allow for full coaptation of valve
leaflets and the stabilisation of the mould has been relocated to the external walls. (B) Image shows
a closed view of the design and the location of the thermocouples for analysis of temperature profile
during freeze-drying.

Using the final mould, a homogeneous HV shaped CG matrix was reproducibly
created. The temperature profile produced at different positions within the final
mould showed a profile close to the shelf temperature during the cooling and
freezing portion of the process (Figure 3.10). This profile was replicated across all
valves produced, due to the uniform heat transfer through the final mould.
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Figure 3.10
Temperature profile in the final mould showed that heat transfer through the mould
was efficient, with the thermocouples placed at different positions within the mould closely
matching the shelf temperature and profile.This control of heat transfer is essential in creating a
homogenous pore architecture throughout the CG matrix.

This controlled heat transfer through the mould facilitated the fabrication of a
homogenous pore structure within the HV shaped CG matrix. A final freezing
temperature of -10°C produced a porous HV shaped CG matrix with an average
pore size of 144.8 ± 23.2 μm, 123.2 ± 14.7 μm and 145 ± 10.13 μm, recorded at the
top, leaflet and bottom positions respectively. Statistically, there was no significant
difference between the pore sizes recorded across the height of the matrix proving
the final mould design fit for purpose (Figure 3.11). Due to the improved geometry
of the mould cavity, the semilunar leaflets of the HV shape fully coapted and
following crosslinking, the final dimensions matched those intended by the original
mould design (Figure 3.12). Therefore, the consistency by which this final mould
produced these uniform HV shaped CG matrices, the temperature profile observed
during the freezing process, the pore structure attained and the final dimensions of
the matrix post crosslinking, together validate this combined process as optimal for
the fabrication of a HV shaped CG matrix.
The initial goal of this study was to develop a biofabrication method to produce a
HV shaped CG matrix and the optimal freeze-drying parameters were identified as
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follows: an aluminium mould (with wall thickness of 4mm), filled with a CG
suspension cooled at a constant cooling rate of 1°C/min and a final freezing
temperature of -10°C.



Figure 3.11 Pore size analysis of CG matrix fabricated using the final mould at a final freezing
temperature of -10°C showed a consistent microstructure across the top, leaflet and bottom of the
HV shape.The final mould can produce a HV shaped CG matrix with homogenous pore architecture.
Scale bar is 500 µm.

Figure 3.12
The final mould facilitated fabrication of a reproducible CG matrix in a HV shape. The
dimensions post crosslinking were as required and the leaflets coapted perfectly.
The ability to
repeatedly fabricate a porous HV shaped CG matrix was part validation of the final mould.
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3.3.5 Effect of collagen concentration on the structural and mechanical
properties of a HV shaped CG matrix
Having developed a reproducible biofabrication method to produce a uniform HV
shaped CG matrix, suspensions of three different collagen contents (0.5%, 0.75%
and 1% collagen), all containing 0.044% glycosaminoglycan, were freeze-dried in
the final mould. Each produced a HV shaped CG matrix.
3.3.5.1 Effect of collagen concentration on pore size
Pore size analysis was conducted on samples taken from the bottom, leaflet and
top of each HV shaped CG matrix produced at the three collagen concentrations.
The results are presented in Figure 3.13 and show no significant difference in pore
sizes measured across the height of each of the matrices.
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Figure 3.13 Varying the collagen concentration of HV shaped CG matrices had no significant effect
on the pore size measured across the height of each matrix.

Additionally, altering the collagen concentration had no significant effect on mean
pore size between each of the matrices (Figure 3.14). Mean pore size was the
average of the three locations in each matrix.
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Figure 3.14 Varying collagen concentration (0.
5%, 0.75% and 1%) had no significant effect on
mean pore size of the resultant matrix.

3.3.5.2 Effect of collagen concentration on structural properties
Post crosslinking, matrices produced at collagen concentrations of 0.75% and 1%
had improved handling compared to collagen concentrations of 0.5% which could
not support their own weight and collapsed easily (as shown in Figure 3.15). To
work with these HV shaped CG matrices under aseptic conditions, it was important
they have sufficient structural rigidity to remain upright, unaided. Therefore the
0.5% CG matrix would not be suitable for use as a HV matrix.

Figure 3.15 An increased collagen concentration of 0.75% and 1%, produced CG matrices with
better handling than those produced at 0.5% (A)
C. HVs with a collagen concentration of 0.5% had
poor handling ability and could not stand up unaided, whereas (B) HVs shaped CG matrices with a
collagen concentration of 0.75% and (C) 1% had good handling as can be demonstrated from these
images, where they stand up unaided.
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3.3.5.3 Effect of collagen concentration on mechanical properties
The relationship between mechanical properties and collagen concentration was
found to be nonlinear as the HV shaped CG matrices fabricated with a collagen
concentration of 0.75% had the highest tensile (0.59 ± 0.04 MPa) and compressive
(3.83 ± 0.45 kPa) modulus of the three concentrations tested (Figure 3.16). A
collagen concentration of 0.75% produced HV shaped matrices with a statistically
significant higher tensile modulus than those fabricated with 1% collagen (p < 0.05),
but not significantly higher than those fabricated with 0.5% collagen. In contrast,
the HV shaped CG matrices fabricated at 0.75% had a significantly higher
compressive modulus than those fabricated with 0.5% collagen, but not statistically
higher than those fabricated with 1% collagen. This helps explains why HV shaped
CG matrices produced with 0.5% collagen could not support their own weight
(Figure 3.15); they have a significantly lower compressive modulus than those
fabricated with 0.75% and 1% collagen. Thus, the effect of varying collagen
concentration on the properties of the HV shaped CG matrix were determined and
as the HV shaped CG matrices fabricated with 0.75% collagen had the highest
compressive and tensile modulus, this was the collagen concentration used for the
remainder of this study.
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Figure 3.16 Samples taken from leaflet position of crosslinked HV shaped CG matrices showed that
a collagen concentration of 0.75% outperformed both 1% and 0.5% collagen concentrations in
terms of both tensile and compressive moduli.
(A) The only significant difference in tensile modulus
was between the 0.75% C and the 1% C concentration. (B) Samples showed a significant difference
between the compressive modulus of 0.5%C and the moduli of both 0.75% and 1% C. (P < 0.05)
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3.3.6 Incorporation of fibrin into the HV shaped CG matrix
Having established the optimal fabrication parameters for a HV shaped CG matrix,
applying the injection technique established in Chapter 2 to incorporate fibrin into
the HV shaped CG matrix and determine the distribution of fibrin in the resultant
HV shaped FCG scaffold was the next objective. Once fibrin was injected into the
matrix and given time to polymerise, macroscopically, it appeared to be well
distributed throughout the CG matrix (Figure 3.17).

Figure 3.17 The fibrin infiltrated through the freeze-dried HV shaped CG matrix to create a HV
shaped FCG scaffold.

To investigate microscopically whether this was the case, Masson’s Trichrome
staining was performed on sections from both the leaflet and the wall of the HV
shape. The results showed that fibrin had successfully infiltrated through the 0.75%
CG matrix (Figure 3.18) and was evenly distributed across the HV shape creating a
homogenous FCG scaffold in a HV shape.
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Figure 3.18
Masson's Trichrome images of HV shaped FCG scaffold showed that fibrin infiltrated
homogenously through the CG matrix.
Images showing infiltration of fibrin (red) through the (A)
bottom wall and (B) through the leaflet of the HV shaped CG (blue) matrix.

Compressive testing was carried out on samples of valve leaflet and valve wall from
HV shaped FCG scaffolds and revealed no significant difference in compressive
modulus between the sample locations (Figure 3.19). The FCG valve wall had a
mean compressive modulus of 2.62 ± 0.28 kPa and the FCG valve leaflet had a mean
compressive modulus of 3.24 ± 0.36 kPa. These results suggest that regardless of
the position tested within the HV shaped FCG scaffold, the components of the
scaffold were homogenously distributed at the micro level, resulting in consistent

Compressive Modulus (kPa)

mechanical properties across the HV shape.

4
3
2
1
0
Valve wall

Valve leaflet

Figure 3.19 The FCG leaflet and wall showed no significant difference in compressive modulus.
This
further concludes the uniformity of the pore architecture and the fibrin infiltration throughout the HV
shaped FCG scaffold.
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3.4 Discussion
In

order

to

exploit

the

dimensional

stability

of

the

fibrin-collagen-

glycosaminoglycan (FCG) scaffold (developed in Chapter 2) for heart valve (HV)
applications, the overall goals of this Chapter were to develop a biofabrication
method to produce a HV shaped CG matrix and to subsequently use this to create a
HV shaped version of the FCG scaffold. Optimal freeze-drying was achieved with the
following parameters: an aluminium mould (with wall thickness of 4 mm), filled
with a collagen-glycosaminoglycan (CG) suspension (collagen concentration of
0.75% w/v, glycosaminoglycan concentration of 0.044% w/v), cooled at a constant
cooling rate of 1°C/min and a final freezing temperature of -10°C. Crosslinking
methods were used to both sterilise and increase the mechanical properties of the
HV shaped CG matrix prior to infiltration with fibrin using the infiltration technique
outlined in Chapter 2, creating a HV shaped version of the FCG scaffold. This FCG
scaffold demonstrated a homogenous distribution of fibrin throughout the CG
matrix and a uniform compressive modulus across its structure, further proving the
homogeneity of the material. Taken together, these results demonstrate the use of
freeze-drying as a viable biofabrication process for creation of large, complex
geometries of porous collagen-based biomaterials with a large height to width
ratio.
Freeze-drying is typically only used to create scaffolds in planar 3D geometries,
consequently using freeze-drying to develop a matrix with a large height to width
ratio, was a challenge. Within the freeze-drier, the software controls the
temperature of the shelf to ensure the rate of cooling is uniform and the HV shaped
mould holding the CG suspension controls the transfer of heat from the freezedryer shelf to the CG suspension. Due to the height of the HV mould, uniformity of
cooling across the entire CG suspension is critical, as if the CG suspension cools at a
consistent rate, the pore structure of the resultant matrix will be homogenous,
whereas quicker or slower cooling rates reduce the uniformity of the structure
formed. Additionally, the cooling rate also affects the size of the resultant pores
within the CG matrix; faster cooling rates produce structures with small pores and
slower rates produces structures with larger pores (Haugh et al., 2010). Of the
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mould materials examined, POM has a thermal conductivity of 22.3 W/m2K in air
and of 44.6 W/m2K in water, whereas, aluminium has a thermal conductivity of 49.9
W/m2K in air and of 4072.5 W/m2K in water. The conductivity of the aluminium
mould allowed the temperature of the collagen suspension to closely match the
shelf (reference) temperature, thus facilitating tight control over the freeze-drying
process, and the fabrication of a matrix with a homogenous porous microstructure
(O’Brien et al., 2004). With some design changes implemented to the mould shape,
a final mould was designed, built and a biofabrication process validated which
produced a HV shaped CG matrix with consistent pore sizes across the height of the
structure.
Within any 3D biomaterial, porosity is one driver of successful long term culture as
it ensures perfusion of nutrients through the material. Thus, designing a
biofabrication process that created a homogenous porous matrix was a critical aim
of this study. With a final freezing temperature of -10°C, a mean pore size of
approximately 137 µm was achieved within the HV shaped CG matrix; these pore
sizes are comparable to those found in planar 3D CG sheets (Murphy and O’Brien,
2010) which have facilitated successful long term culture of cells and regeneration
of bone and cartilage in vivo (David et al., 2015; Levingstone et al., 2016, 2015),
proving that there was adequate diffusion of nutrients in these scaffolds. Pore size
has long been understood to influence cellular activity in CG matrices from cellular
infiltration through the scaffold (Murphy and O’Brien, 2010; Wake et al., 1994), to
cellular adhesion and extra cellular matrix (ECM) deposition within the scaffold
(O’Brien et al., 2005). As ECM deposited by cells is typically synthesised to match
the pattern of the scaffold the cells are incorporated within, scaffold heterogeneity
can affect the ability of the cells to produce a uniform ECM. Consequently, ECM
produced by cells in a non-uniform scaffold has inferior biomechanical properties
compared to a scaffold with a more uniform pore structure (Byrne et al., 2008;
Faraj et al., 2007; Hollister et al., 2002). Therefore, the regular pore architecture
that has been developed here is vital to ensure uniform cellular activity across the
scaffold geometry and sufficient diffusion of nutrients to support a large construct.
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Additionally, the porosity of the CG matrix made it easier to infiltrate the fibrin
through the matrix thus creating a homogenous FCG scaffold.
Having created a HV shaped CG matrix, the effect of using different collagen
concentrations on pore size, structural properties and mechanical properties was
examined. While altering the collagen concentration had no significant effect on
matrix pore size, a concentration of 0.75% collagen and 0.044% glycosaminoglycan
provided a matrix with the highest compressive and tensile moduli which crucially,
provided a matrix that could support its own weight. Material stiffness can affect
critical cell functions such as differentiation and cytoskeleton organisation (Engler
et al., 2006; Haugh et al., 2011; Kloxin et al., 2010; Murphy et al., 2012). In this
study, the stiffness of the CG matrix was altered by changing the concentration of
collagen, with a 0.75% collagen matrix having a higher tensile and compressive
modulus than the 1% collagen matrix. This may be due to the fact that the thicker
pore walls of the 1% collagen matrix, allowed less alignment of the pores under
compression and tension (Figure 3.16) (Harley et al., 2007) and additionally, the
increased crosslinks due to the increased amount of collagen, also added to the
decrease in elasticity between 0.75% and 1% collagen (Gould et al., 2014; Sacks et
al., 2009; Wang et al., 2014). Varying collagen concentration between 1%, 0.75%
and 0.5% has previously been shown not to affect the ~99% porosity of CG matrices
(Tierney et al., 2009b) and this was confirmed through pore size analysis (Figure
3.13) and Masson’s Trichrome staining (Figure 3.18) where the high porosity of the
collagen matrix was obvious. The increase in collagen concentration to 0.75% has
also been shown to produce a matrix with a relative density of 0.001 ± 9.0 x 10-3
mg/mm3, a slight decrease from that measured for 0.5% collagen matrices (0.007 ±
1.8 x 10-3 mg/mm3) (Caliari et al., 2012; Istrate and Chen, 2011; Tierney, 2009);
however, the pore size achieved is the main driver for permeability of the collagen
matrix. When fibrin was infiltrated through the CG matrix creating a homogenous
FCG scaffold, the compressive stiffness was reduced from ~3.8 kPa to ~3 kPa. The
stiffness of native cardiac valves has been reported in the literature as ranging from
0.1 kPa to 2 MPa due to a lack of standardised testing conditions and sample
preparation (Balguid et al., 2007; Dijkman et al., 2012; Karimi et al., 2008; Ragaert
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et al., 2012; F J Schoen, 1997; Stradins et al., 2004; Vesely, 1997). Additionally, the
appropriate scaffold stiffness for HV applications has not been conclusively
determined, as different cell types have different requirements (Jana et al., 2014).
Studies have shown that valvular interstitial cells have an activated phenotype
(indicative of a disease state) when cultured on stiffer (32 kPa) 3D matrices (Latif et
al., 2015; Mabry et al., 2016) and that this activation can be reversed when the
stiffness of the matrix is reduced (to 7 kPa) (Kloxin et al., 2010). The FCG material
presented here had a stiffness of ~3 kPa (Figure 3.19) which is below the activation
range reported for valvular interstitial cells, potentially enabling the culture of a
healthy population of these cells.
Infiltration of fibrin throughout the CG matrix was achieved using the injection
technique developed in Chapter 2 for infiltration of fibrin into a planar CG matrix. A
custom designed support structure allowed the HV shaped CG matrix to be
supported during crosslinking, and again during infiltration of the fibrin with the
added benefit of minimising the handling of the scaffold. The homogeneity of the
HV shaped FCG scaffold was confirmed through compressive testing where the
results were independent of the sample position- samples from the valve leaflet
had very similar compressive modulus to samples from the valve wall. When force
is applied to a homogenous scaffold, it produces a more homogenous strain field,
leading to more homogenous tissue formation in vitro or in vivo (Hobson et al.,
2015). In this study, a homogenous scaffold fabricated using natural materials has
been created in a HV shape, and the potential use of this HV shaped FCG scaffold
for tissue engineering of HVs will be further investigated in the subsequent chapters
of this thesis.
For HV tissue engineering, creating a HV shape has been a challenge, regardless of
the scaffold material, but undoubtedly, this challenge has always been greater for
scaffolds fabricated from natural materials due to their reduction in bioactivity
following exposure to harsh chemicals and extreme temperature ranges (Hollister,
2005). Until the advent of this study, the creation of complex geometries with a
controlled porous microstructure using natural materials was challenging, especially
if the bioactivity of the material was to be retained. The predominant fabrication
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methods used are 3D printing and electrospinning, and they have significant
limitations. The latest 3D printing technology for natural materials has a resolution
of approximately 300 µm - insufficient to create a truly porous scaffold (Kang et al.,
2016). The pore architecture created using electrospinning is unpredictable,
resultant mechanical properties are anisotropic. Additionally, there is the added
uncertainty as to the bioactivity of electrospun natural materials. Indeed, this is
especially relevant for collagen which is easily denatured into gelatin through
electrospinning (Zeugolis et al., 2008). In view of these limitations, freeze-drying is
an excellent method to shape natural materials, while maintaining a bioactive,
porous architecture and here we have shown how this technique can now be used
to create large collagen matrices with a complex porous geometry. Our lab has
previously shown that freeze-drying of collagen based biomaterials ensures
retention of bioactivity (David et al., 2015; Haugh et al., 2011; Levingstone et al.,
2016, 2014; O’Brien et al., 2007), however the development of complex shapes
using freeze-drying has not been previously reported upon in the literature. Distinct
freeze-drying processing conditions have been reported within the literature to
create relatively small CG matrices with specific pore architecture for applications
such as bone, cartilage and skin repair (Caliari and Harley, 2011; Davidenko et al.,
2012; Faraj et al., 2007; Haugh et al., 2010; Madaghiele et al., 2008; Murphy et al.,
2010; O’Brien et al., 2005; Pawelec et al., 2014) together with small diameter
tubular matrices for both vascular and nerve regeneration applications (Koens et
al., 2011; Madaghiele et al., 2008). Larger tubular scaffolds have been freeze-dried
and crosslinked (Hoogenkamp et al., 2014) but these tubes collapsed and needed to
be reinforced with polymer films. However, through the creation of a HV shaped CG
matrix, we have demonstrated that freeze-drying is a suitable biofabrication
method to create a porous, collagen based matrix in a large complex geometry.
The biofabrication process outlined in this study has further applications beyond
HVs and demonstrate that freeze-drying could be used for development of many
organ-specific geometries. Patient MRI or CT scans of any soft tissue, could be
imported through software such as Mimics®, where the patient specific anatomy
can be identified and mapped. A suitable freeze-drying mould could then be CNC
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machined from the 3D model to create patient specific structures. The results
presented here show that a suitable mould with a 4 mm thick wall and base could
be fabricated from aluminium, a material that is relatively easy and fast to machine
in comparison to other metals. Having created a patient specific mould this could
be used to freeze-dry a matrix matching the sought after anatomical dimensions.
While a temperature of -10°C might be a suitable starting point, temperature
profiling within the mould could be used to further optimise this final freezing
temperature and using the validation process outlined here (temperature profiling
within the mould, pore size analysis across the geometry and dimensional analysis
of the final CG matrix), a repeatable process could be established. This would allow
the freeze-drying of unique anatomical features opening up the potential of freezedrying for applications which until now may not have been considered feasible.
The results herein show that freeze-drying is a suitable biofabrication technique to
create a porous HV shaped CG matrix and this can subsequently be used to create a
HV shaped FCG scaffold. The thermal conductivity of the freeze-drying mould
ensured the homogenous architecture of the CG matrix and this was characterised
through analysis of pore size and mechanical properties. As FCG scaffolds have an
ability to resist cell-mediated contraction, the capacity to create this material into
complex geometries may enable this material to be applied where dimensional
stability of complex geometries is key to functionality of the scaffold. While this
Chapter has provided proof of principle for creation of complex porous collagen
biomaterials, this biofabrication method could be used for other natural polymers,
providing a novel approach for creation of large complex, porous shapes.

3.5 Conclusion
This study has developed a biofabrication process to produce a CG matrix, with a
large height to width ratio, into a HV shape using freeze-drying. Through control of
parameters such as thermal transfer through the mould and final freezing
temperature, a repeatable process to create a HV shaped CG matrix was
established. This matrix exhibited a homogenous porous architecture with pore
sizes of ~137 µm across the HV shape. For HVs, the mechanical properties of the
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matrix were customised by adjusting the concentration of collagen to 0.75% and
using an EDAC in ethanol crosslinking process. Having validated the production of
the HV shaped CG matrix, fibrin was infiltrated through the CG matrix to create a
HV shaped version of the FCG scaffold previously developed in Chapter 2. The HV
shaped FCG scaffold had excellent integration of fibrin throughout the CG matrix
and exhibited consistent mechanical properties. This FCG scaffold which was
developed in Chapter 2 has now been created into a HV shape opening up the
potential for using this scaffold for HV tissue engineering.
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Chapter 4 - Dynamic conditioning of a heart valve shaped FCG
scaffold to produce a pulmonary valve substitute

The following study was carried out in the labs of Prof Stefan Jockenhoevel of the
Applied Medical Engineering Department at RWTH Aachen, Germany.

This chapter is being prepared for submission. Claire M. Brougham, Ricardo
Moreira, Tanya J. Levingstone, Stefan Jockenhoevel, Petra Mela, Fergal J. O’Brien;
The development of a tissue engineered pulmonary heart valve using a fibrincollagen-glycosaminoglycan scaffold.

122

4.1 INTRODUCTION ............................................................................................................................. 124
Objectives .................................................................................................................................. 127
4.2 MATERIALS AND METHODS ............................................................................................................. 129
4.2.1 Cell culture ........................................................................................................................ 129
4.2.2 Fabrication of the FCG constructs..................................................................................... 130
4.2.3 Fabrication of the fibrin-only constructs........................................................................... 131
4.2.4 Bioreactor conditions........................................................................................................ 132
4.2.5 Analysis of cell distribution within the FCG constructs ..................................................... 134

ϰ͘Ϯ͘ϲǀĂůƵĂƚŝŽŶŽĨ^DĂĐƚŝǀĂƚŝŽŶďǇƐƚĂŝŶŝŶŐ
-SMA ........................................................ 134
4.2.7 Characterisation of ECM deposition within the FCG constructs ....................................... 135

ϰ͘Ϯ͘ϴǀĂůƵĂƚŝŽŶŽĨƚŚĞ&'ĐŽŶƐƚƌƵĐƚ͛ƐĂďŝůŝƚ
.................. 136
4.2.9 Evaluating the dimensional stability of the FCG constructs and fibrin constructs ............ 138
4.2.10 Assessment of the functionality of the FCG constructs and fibrin constructs ................. 138
4.2.11 Burst strength of the FCG constructs .............................................................................. 139
4.2.12 Assessment of the performance of dynamically conditioned FCG constructs as pulmonary
valve substitutes ........................................................................................................................ 140
4.3 RESULTS ...................................................................................................................................... 143
4.3.1 Cell distribution within the FCG constructs ....................................................................... 143

4.3.2 ǀĂůƵĂƚŝŽŶŽĨ^DĂĐƚŝǀĂƚŝŽŶďǇƐƚĂŝŶŝŶŐĨŽƌ
-SMA ........................................................ 145
4.3.3 Cell-mediated ECM deposition within the FCG constructs ................................................ 146
4.3.4 Evaluation of ability of the FCG construct to sustain an endothelial cell layer ................. 149
4.3.5 Dimensional stability of the FCG and fibrin-only constructs ............................................. 151
4.3.6 Assessment of the functionality of the constructs ............................................................ 154
4.3.7 Burst strength of FCG constructs ...................................................................................... 157
4.3.8 Assessment of the performance of the FCG constructs as pulmonary valve substitutes .. 158
4.4 DISCUSSION ................................................................................................................................. 160
4.5 CONCLUSION ................................................................................................................................ 164

123

4.1 Introduction
While currently available heart valve (HV) substitutes have undoubtedly improved
the standard of living for patients with HV disease, they have significant limitations
and complications; a predisposition of the valve towards calcification, the
requirement of patients to indefinitely take anticoagulants and the limited lifespan
of the valves (Butcher et al., 2011; Hjortnaes et al., 2009). To overcome these
limitations for all patients, the focus of prosthetic HV research has shifted to the
development of living tissue engineered heart valves (TEHVs) capable of somatic
growth and remodelling. TEHVs have the potential to normalise a patient's
cardiovascular performance and life expectancy in ways that current HV
replacement therapies cannot (Hopkins, 2013).
A major challenge for TEHVs is ensuring the capability of the implanted HV to
sustain in vivo mechanical load from the moment of implantation, as this is vital for
the survival of the patient. Notably, the pulmonary valve has lower transvalvular
pressures than the mitral or aortic valves and thus seems to be a more reasonable
target for a first-in-man tissue engineered HV. If successful, clinical translation of
tissue engineered pulmonary valves will herald a new era of clinical options for
treatment of congenital cardiac patients (Hopkins and Lofland, 2013). One method
of encouraging development of suitable tissue characteristics in vitro is to mimic
native biomechanical signals found within the heart using bioreactor systems, and
thus prompt development of appropriate, functional tissue (Bäck et al., 2013; Hasan
et al., 2014; Merryman et al., 2006a; Parvin Nejad et al., 2016). Different dynamic
culture regimes have been utilised to encourage development of extra cellular
matrix (ECM) in vitro however, no standardisation or optimal regime for the
successful development of tissue engineered HVs has been identified to date.
In spite of this lack of standardisation, two main categories of dynamic conditioning
have emerged, diastolic pulse duplicators and pulsatile flow bioreactor systems
(Spoon et al., 2013), as discussed in Chapter 1. Diastolic pulse duplicators
encourage the development of engineered constructs with tensile stiffness and
mechanical anisotropy (Mol et al., 2006, 2005a). Flow based bioreactor systems
encourage ECM synthesis and organisation, and improved tensile properties
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(Hoerstrup et al., 2000a; Sodian et al., 2000b). One promising approach using a
pulsatile flow bioreactor system, has been the application of transvalvular
pressures and shear stress comparable to those found in the fetal cardiovascular
system, to tissue engineered constructs (Flanagan et al., 2007; Stock and Vacanti,
2001; Weber et al., 2012, 2011b). The hypothesis behind this is that during human
valvulogenesis, much of the HV development occurs at a low shear stress, below
pressures of 10 mmHg and at a frequency of approximately 65 beats per minute
(Papadaki et al., 1996; Stock and Vacanti, 2001; Vouyouka et al., 1998) and so
application of similar forces in vitro may encourage regeneration. Some of the most
promising HVs in the literature have been developed through application of similar
parameters (low shear stresses, with minimal transvalvular pressures, at an
increasing frequency) to produce native-like ECM in fibrin and fibrin-textile
composite HVs in vitro (Flanagan et al., 2009, 2007, Weber et al., 2012, 2011b).
While ECM synthesis was promising in these studies, increased regurgitation due to
the non-coaptation of valve leaflets was a limiting factor of these studies.
Irrespective of materials used in their development, a major issue observed across
TEHVs has been progressive regurgitation within the valve once implanted in vivo
due to shortening of the valve leaflets. This is typically caused by cell-mediated
contraction within the leaflets and this has been observed in TEHVs fabricated from
both synthetic (Dijkman et al., 2012; Driessen-Mol et al., 2014; Gottlieb et al., 2010;
Hoerstrup et al., 2000a; Schmidt et al., 2010; Spriestersbach et al., 2015; Weber et
al., 2013, 2012, 2011a) and natural scaffolds (Flanagan et al., 2009; Syedain et al.,
2013, 2011) and renders the valves unable to close fully during diastole, ultimately
resulting in loss of function. This problem has been investigated using both
computational modelling and practical experimentation and parameters such as
valve geometry, scaffold and neotissue characteristics, cell type and in vitro
conditioning have all been shown to influence cell-mediated contraction (Loerakker
et al., 2013; Sanders et al., 2015; van Loosdregt et al., 2014; van Vlimmeren et al.,
2013, 2012). Thus, solving this multifaceted problem is particularly challenging.
The research presented in this thesis has sought to overcome some of these
challenges; in Chapter 2 it was demonstrated that using a collagen125

glycosaminoglycan (CG) matrix to reinforce a fibrin gel led to a natural composite
material which boasted dimensional stability when contractile cells were
encapsulated within it. In Chapter 3, a biofabrication method was established to
recreate this FCG scaffold in a HV shape. In this chapter, we aimed to apply the HV
shaped FCG scaffold as a potential pulmonary valve substitute, by dynamically
conditioning it using a flow based bioreactor system at low shear stresses, with
minimal transvalvular pressures, at an increasing frequency. The effect of dynamic
conditioning was initially assessed by examining the cellular distribution, the
activation of smooth muscle cells (SMCs), the development of cell-mediated ECM.
The ability of a valve substitute to sustain an endothelial cell layer is essential, as
this protects the valve from thrombosis and inflammation, as well as transmitting
biomechanical and biochemical signals to the underlying vICs. Thus, the ability of
this HV shaped FCG scaffold to sustain an endothelial cell layer was investigated.
While endothelialisation is one indicator of long term functionality, another is the
dimensional stability of the construct. Subsequently, the dimensional stability of the
FCG scaffold and its functionality (ability to open and close fully) was examined, and
compared to a fibrin-only construct which has been previously implanted in vivo
following dynamic conditioning (Flanagan et al., 2009). Additionally, the burst
strength of the FCG scaffold following dynamic conditioning was investigated as
within the vasculature, the pressures exerted by the blood can be above 120
mmHg; thus, any cardiovascular implant must have a burst strength in excess of
this. Finally, valve performance was evaluated using the testing methods and
criteria for pulmonary valve substitutes outlined in ISO 5840-2 (2012;
Cardiovascular implants- cardiac valve prostheses). The main performance criteria
in ISO 5840-2 are measurement of mean pressure difference across the valve
during diastole, calculation of effective orifice area, and regurgitant fraction. The
acceptance criteria within ISO 5840-2 clearly delineates the performance a
pulmonary valve substitute must achieve in vitro prior to in vivo use.
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Objectives
The overall goal for this Chapter was to investigate the potential of the fibrincollagen-glycosaminoglycan (FCG) scaffold developed in Chapters 2 and 3 as a
pulmonary valve substitute following dynamic conditioning in vitro.
The specific aims were to:
1) Evaluate the distribution of primary human umbilical cord vein smooth
muscle cells (SMCs) within the HV shaped FCG scaffold after dynamic
conditioning and to compare this to initial cell distribution (Day 0) and to
that after 21 days of static culture
2) Determine the level of α-SMA expression within these SMCs after dynamic
conditioning and to compare this to initial expression (Day 0) and to that
after 21 days of static culture
3) Analyse cell-mediated synthesis of new ECM within the FCG construct after
dynamic conditioning and to compare this to initial ECM (Day 0) and to
that after 21 days of static culture
4) Examine the ability of the dynamically conditioned FCG construct to sustain
an endothelial cell layer and to compare this to the FCG construct
following initial fabrication (Day 0) and after 21 days of static culture
5) Characterise the dimensional stability of the dynamically conditioned FCG
construct by evaluating its ability to resist cell-mediated contraction and
compare this to a fibrin-only construct and a statically conditioned FCG
construct
6) Determine the functionality of the dynamically conditioned FCG construct
by assessing its ability to open (thus allowing unobstructed flow) and close
(thus fully preventing flow), and compare this to a fibrin-only construct and
a statically conditioned FCG construct
7) Measure the burst strength of the FCG construct at the time of fabrication,
after static culture and after dynamic culture
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8) Measure the performance of the dynamically conditioned FCG construct as
a pulmonary valve substitute, as per ISO 5840-2.
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4.2 Materials and Methods
All consumables were purchased through the German branches of the companies
detailed, unless otherwise mentioned.

4.2.1 Cell culture
Endothelial cells, and a population of smooth muscle cells (SMCs) were isolated
from veins of fresh human umbilical cords kindly acquired by the Department of
Gynaecology at the University Hospital Aachen under the approved ethics
agreement number EK2067.

4.2.1.1 Endothelial cell isolation and culture
The umbilical cord vein was washed with phosphate buffered saline (PBS; Gibco,
ThermoScientific, Darmstadt) before removal of endothelial cells by using 1 mg/ml
collagenase (Sigma Aldrich, Taufkirchen). Endothelial cells were seeded on 2%
gelatin-precoated tissue culture flasks and incubated with Endothelial Cell Basal
Medium (EBM-2; Lonza, Cologne) supplemented with the EGM-2 kit supplements
(0.1% insulin, 0.1% gentamicin, 0.1% ascorbic acid, 0.4% human fibroblast growth
factor, 2% fetal bovine serum (FBS), 0.1% endothelial growth factor, 0.04%
hydrocortisone, 0.1% epidermal growth factor, 0.1% heparin; Lonza). Endothelial
cells were cultured in 5% CO2 and 95% humidity at 37°C and passaged using 0.25%
trypsin/0.02% EDTA solution (Gibco) using a split ratio of 1:4 and were used
between passages 3 to 5. Prior to use, endothelial cell phenotype was verified by
positive immunofluorescence staining for von Willebrand factor.

4.2.1.2 SMC isolation and culture
For isolation of the SMCs, the digested vein was minced into 1 mm rings and then
bathed in low glucose Dulbecco’s Modified Eagle’s Medium (DMEM; Gibco)
supplemented with 10% FBS (Gibco) and 1% antibiotic/antimycotic solution (Gibco).
Again, cells were passaged using 0.25% trypsin/0.02% EDTA solution (Gibco) and
cultured in 5% CO2 and 95% humidity at 37°C. These cells were seeded at passage 4
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and 5 in the studies described here. Prior to use, the SMC phenotype was verified
by the presence of α-smooth muscle actin (α-SMA) positive cells and total absence
of expression of von Willebrand factor (vWf). These cells have been deemed to be a
mixture of SMCs/fibroblasts, as within the population a small proportion of cells
have been observed not expressing α-SMA. Nevertheless, these cells will be
referred to as SMCs for the remainder of this thesis.

4.2.2 Fabrication of the FCG constructs
FCG scaffolds were produced as described in Chapter 3. Briefly, a HV shaped CG
matrix (0.75% w/v collagen and 0.044% chondroitin sulphate w/v) was fabricated
using freeze drying within a custom made aluminium mould which produced a
homogenous matrix with an average pore size of ~137 µm. This CG matrix was
physically crosslinked using a dehydrothermal crosslinking method at 105°C for 24
hours, and chemically crosslinked using EDAC:NHS with ethanol as the solvent,
while mounted on a custom built support mould.
The fibrinogen component was prepared as previously described in Chapter 2,
Section 2.2.2. Briefly, human fibrinogen (Calbiochem, Darmstadt) was dissolved in
purified water (Milli-Q; Millipore) and dialyzed with a cut-off membrane
(Novodirect, Kehl) of 6000–8000 MW overnight against tri buffered saline (TBS).
After sterile filtration, the fibrinogen concentration was determined by measuring
the absorbance at 280 nm with a spectrophotometer (Spectronic GenesysTM 6;
Thermo Scientific) which was adjusted to 10 mg/ml using sterile water.
The fibrin gel components of the valve (3.5 ml in total) consisted of 1.75 ml of
fibrinogen solution (10 mg/ml), containing 35 million human SMCs, and 1.2 ml of
TBS 0.9 ml, 50 mM CaCl2 (Sigma) in TBS and 0.9 ml of thrombin solution (40 IU/ml;
Sigma). The TBS, CaCl2 and thrombin solution was dripped onto the HV shaped CG
matrix which was subsequently injected with the fibrinogen suspension containing
the SMCs. From this point on we will refer to cell-seeded HV shaped FCG scaffolds
as FCG constructs. The leaflets of the FCG constructs were manually cut apart using
a scalpel once polymerisation had occurred, as when fabricated the three leaflets
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were all one continuous piece. The FCG constructs were mounted on custom built
holders with cable ties, which were all autoclaved prior to use (Figure 4.1).

Figure 4.1 The FCG construct was secured to custom made holders using cable ties.

4.2.3 Fabrication of the fibrin-only constructs
Fibrin-only constructs were used in this study as an alternative natural scaffold
control. Given the weak mechanical properties of fibrin, the wall of the fibrin valve
was reinforced using a PET textile mesh as described by Moreira et al. (Moreira et
al., 2014), to facilitate the same experimental set up (use of the same holders) as
was used for the FCG valve construct; however, the leaflets of the fibrin-only
construct were not reinforced (Figure 4.2).

Figure 4.2 The wall of thefibrin-only constructwas reinforced using a PET mesh, however the valve
leaflets were not reinforced.(A) The PET mesh can be seen within the wall of the fibrin-only
construct. (B) The valve leaflets have no reinforcement. (C) The difference between the wall and
leaflets of the fibrin-only construct can be seen in this image.
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The fibrin-only construct was fabricated using a mould with the same final
dimensions as the FCG construct. 12 ml of fibrin solution was used to fabricate the
fibrin-only construct and was prepared as described in Section 2.2.2. SMCs, at the
same seeding density as used for the FCG constructs, were contained in the
fibrinogen component of the fibrin solution. This fibrinogen (plus cells) solution,
CaCl2, TBS and thrombin components were polymerised by mixing within the mould
in the ratio outlined in Section 2.2.2. The leaflets of the fibrin-only construct were
conjoined when fabricated (Figure 4.2 B) consequently, to enable them to function
they were separated using a scalpel following polymerisation of the fibrin. Three
fibrin-only constructs were used in this study.

4.2.4 Bioreactor conditions
The fibrin-only constructs and FCG constructs were cultured for 21 days at 37°C,
21% O2, and 5% CO2, in a custom-made bioreactor developed by Prof
Jockenhoevel’s group (Moreira et al., 2016, 2014; Weber et al., 2014). Static
conditions were used for the first 7 days and followed by dynamic conditions for
the remaining 14 days. Control samples were either characterised within 6 hours of
polymerisation (Day 0 samples) or cultured for 21 days in static conditions.
The bioreactor has been described previously and consisted of two PMMA
chambers and a linear magnetic actuator, separated by a silicone membrane
(Moreira et al., 2016, 2014; Weber et al., 2014) (Figure 4.3). The construct was
placed in the atrial chamber, while the lower chamber functioned as a ventricular
pump, driven by the actuator. The actuator displaced media by pushing on the
silicone membrane and displacing a volume of media through the valve, at a set
frequency, controlled using a LabView program. The frequency was set at 20 beats
per minute (bpm) for day 7 through 11; 30 bpm for day 11 through 15; 40 bpm for
day 15 through 18 and 50 bpm for day 18 through 21. These setting were based on
experiments using other scaffold materials and experience of using this bioreactor
system (Weber et al., 2014). The displacement was adjusted to ensure full opening
of the valve was achieved when the stroke volume was at the lowest frequency.
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This setup delivered a corresponding flow rate of 375–750 ml/min through the
valve and a pressure difference of 15 mmH2O across its leaflets.

Figure 4.3
A pulsatile flow bioreactor was used to dynamically condition the valve for 14 days.
The
bioreactor consisted of two chambers communicating through the valve.
The lower chamber
functioned as ventricle, pumping the medium through the valve into the upper atrial chamber, which
was partially filled with air and separated from the atmosphere by a sterile filter. Displacement of
the silicone membrane by a LabView controlled actuator delivered 20 bpm and this frequency was
increased every 3 to 4 days, to a maximum of 50 bpm. This delivered a corresponding flow rate of
375ʹ
750 ml/min through the valve and a pressure difference of 15 mmH2O across its leaflets. Media
was circulated using tubing connected to a peristaltic pump.

The valve chamber was partially filled with air, and gas exchange within the
bioreactor was guaranteed by an external peristaltic pump (MCP Process; Ismatec),
which recirculated the medium through gas-permeable silicone tubes and by a gas
filter placed on the top of the bioreactor. The tubing was also connected to a
compliance chamber to mimic the elastic recoil of the large arteries. All PMMA
components were sterilized using low-temperature hydrogen peroxide gas plasma
(STERRAD 100S Sterilization System, Ethicon) at least 4 days prior to use to ensure
no residual gases remained on the components. All other components were
sterilised using autoclaving (121°C).
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Throughout the culture period, the constructs were cultured in low glucose medium
DMEM supplemented with 10% fetal bovine serum (Gibco), 1% antibiotic/antimycotic solution (Gibco), 1.0 mM L-ascorbic acid 2-phospate (Sigma) (Wu et al.,
2015), and 1.6 µl/ml tranexamic acid (Cyklokapron-Injection solution 1000mg/ml;
Pfizer Pharma). Culture conditions were monitored every 2-3 days via
measurements of lactate and glucose concentration, pO2, pCO2, and pH by an
automatic blood gas analyser (Radiometer ABL 800 Flex; Radiometer Medical) and
the culture medium was replaced every 3-4 days.

4.2.5 Analysis of cell distribution within the FCG constructs
Hematoxylin and eosin (H & E) staining was used to characterise the distribution of
cells within the FCG constructs. Three separate Day 0 FCG constructs, three
separate Day 21 statically conditioned FCG constructs and three separate
dynamically conditioned FCG constructs were prepared and imaged. Samples were
rinsed in PBS, fixed in Carnoy’s fixative, dehydrated and embedded in paraffin for
subsequent histological analysis to analyse cell distribution throughout the
construct. Samples were sectioned and stained using the standard H & E (Sigma)
protocol and analysed using routine bright field microscopy (ECLIPSE 90i; Nikon,
Tokyo, Japan), while digital images were captured using the DS Ri camera and NIS
elements software (Nikon).

4.2.6 Evaluation of SMC activation by staining for α-SMA
Immunohistochemistry staining was used to determine whether α-SMA was being
expressed by the SMCs within the constructs. Samples from three separate Day 0
FCG constructs, three separate Day 21 statically conditioned FCG constructs and
three separate dynamically conditioned FCG constructs were rinsed in PBS, fixed in
Carnoy’s fixative, dehydrated and embedded in paraffin. Nonspecific sites on
embedded sections were blocked and the cells were permeabilized using 5%
normal goat serum (Dako, Hamburg) in 0.1% Triton X-PBS solution. Sections were
incubated for one hour at 37°C with a primary mouse anti-α-SMA antibody (1:1000;
134

A2547; Sigma). Following three gentle washes, a goat anti-mouse secondary
antibody (1:400; A11005; Molecular Probes) was incubated with the sections for
one hour. All sections were counterstained with DAPI nucleic acid stain (Molecular
Probes) in PBS for five minutes.

4.2.7 Characterisation of ECM deposition within the FCG constructs
Immunohistochemistry staining was used to characterise the ECM formed by the
cells within the FCG construct by staining for collagen III, elastin, and fibronectin on
paraffin-embedded sections taken from three separate dynamically conditioned
and statically conditioned constructs. Day 0 samples were also used as an additional
control. To assess the extent of fibrin remodelling within the FCG constructs,
sections were also stained for fibrinogen. Nonspecific sites on embedded sections
were blocked and the cells were permeabilized using 5% normal goat serum (Dako,
Hamburg) in 0.1% Triton X-PBS solution. Sections were incubated for one hour at
37°C with one of the following primary antibodies: 1:25 rabbit anti-type collagen III
(R1040; Acris, Herford); 1:200 rabbit anti-elastin (20R-ER003; Fitzgerald,
Poggensee), 1:60 rabbit anti-human fibrinogen (F0111; Dako), 1:50 mouse antifibronectin (F6140; Sigma). The sections were incubated for one hour at 37°C with
either rhodamine or fluorescein-conjugated secondary antibodies: 1:400 mouse
(A11005; Molecular Probes) for fibronectin; 1:400 rabbit (A11008; Molecular
Probes) for elastin, and 1:300 rabbit immunoglobulins/biotinyated (E0432; Dako)
for collagen III and fibrinogen. Collagen III and fibrinogen signals were amplified by
an additional incubation with 1:1000 streptavidin/TRITC (RA 021; Acris). All sections
were counterstained with DAPI nucleic acid stain (Molecular Probes) in PBS for five
minutes.
Human aortic valve samples were kindly provided by the Institute of Pathology at
the University Hospital Aachen in accordance with the local ethics regulations. They
served as positive controls for the α-SMA (Section 4.2.6), elastin, and collagen III
samples and were processed in the same way. Sections incubated in diluent (with
no primary antibody) followed by the secondary antibody were used as negative
controls for all stainings. Sections were observed with a microscope equipped for
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epi-illumination (AxioObserver Z1; Carl Zeiss, Oberkochen) and images were
acquired using a digital camera (AxioCam MRm; Carl Zeiss).

4.2.8 Evaluation of the FCG construct’s ability to sustain an endothelial cell
layer
4.2.8.1 Creation of an endothelial cell layer
The ability of the FCG construct to support an endothelial cell layer was assessed by
seeding endothelial cells onto samples (approximately 2cm by 2cm) cut from both
the valve wall and leaflet (Figure 4.4). Samples included Day 0 FCG constructs,
statically conditioned FCG constructs and dynamically conditioned FCG constructs,
each of which contained SMCs.
In a 6-well plate, the top surface of each sample was seeded with 100 µl suspension
of endothelial cells (1 x 106 cells) (Alekseeva et al., 2014; Haugh et al., 2011). The
plates were then placed in an incubator for 15 minutes to allow endothelial cells to
attach to the samples. These samples were then transferred into fresh 6-well plates
and turned over and the opposite surface seeded with 100 µl of the cell suspension,
followed by further incubation for 15 minutes. After the second incubation period,
4 ml of media was added per well, together with 1.6 µl/ml tranexamic acid. The
culture medium was changed every 2-3 days and scaffolds were cultured with the
endothelial cells for 7 days in total post-seeding.
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A

B

Endothelial cells
The parts of the valve removed for
endothelialisation

Primary smooth muscle cells
FCG scaffold

Figure 4.4 Schematic depicting the areas of the FCG construct that were endothelialised.
(A) This
schematic of the valve shows that the leaflet and the wall of the valve was cut away and placed in a
6-well plate. (B) Each surface of the FCG construct (previously loaded with primary smooth muscle
cells during fabrication of the valve) was seeded with endothelial cells.

4.2.8.2 Visualisation of the endothelial cell layer
The endothelial cell layer formed on the constructs was stained using a monoclonal
mouse anti-human primary antibody, CD31, (P8590; Sigma) which binds to
membrane proteins of endothelial cell junctions. Samples were washed in PBS and
fixed in methanol for one hour followed by a wash in PBS. They were then blocked
from auto-fluorescing using 3% Bovine Serum Albumin (BSA) in 0.1% Triton X-PBS
solution for one hour. The primary CD31 antibody was diluted 1:100 in dilution
buffer (0.1% Triton X-PBS) and incubated on the samples for one hour at 37°C.
Following three washes of PBS, samples were incubated in a 1:400 dilution of goat
anti-mouse 594 secondary antibody (A11005; Life Technologies, Darmstadt) in
dilution buffer for one hour at 37°C and gently washed three times in PBS. Cell
nuclei were stained using a DAPI nucleic acid stain. Endothelial cells on cell culture
plastic were used as a positive control. Samples were imaged immediately with a
microscope equipped for epi-illumination (AxioObserver Z1; Carl Zeiss, Oberkochen)
and images were acquired using a digital camera (AxioCam MRm; Carl Zeiss).
To identify the final location of endothelial cells (whether they rested on the
surface or had migrated through the scaffold), Day 0 FCG scaffolds which contained
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no SMCs were seeded with endothelial cells and treated as described in Section
4.2.8.1. Live/Dead staining, as described in Chapter 2, Section 2.2.8, was used to
reveal the location of the endothelial cells 24 hours after seeding on the SMC-free
Day 0 scaffold and again 7 days after seeding.

4.2.8.3 SEM imaging of the endothelial cell layer
SEM imaging was used to visualise the FCG constructs which had been seeded with
endothelial cells for seven days. To prepare samples for visualisation they were
fixed in 2% glutaraldehyde for at least 24 hours, rinsed with sodium phosphate
buffer (0.2 M, pH 7.39, Merck) and dehydrated consecutively in 30%, 50%, 70%, and
90% acetone, and then three times in 100% acetone for 10 minutes. The samples
were critical-point-dried in CO2, and sputter coated (Leica EM SC D500) with a 20
nm gold–palladium layer. Samples were analysed using a SEM (ESEM XL 30 FEG, FEI,
Philips) with an accelerating voltage of 10 kV.

4.2.9 Evaluating the dimensional stability of the FCG constructs and fibrin
constructs
The capability of a construct to remain dimensionally stable, reflects its ability to
resist cell-mediated contraction. To characterise this, images were taken of both
the FCG constructs and the fibrin-only constructs from the ventricular and the
arterial side at Day 0 following initial fabrication and again following dynamic
conditioning. Images were also taken of FCG constructs that were statically
conditioned for 21 days. Any leaflet shortening would be noticeable using these
images. All FCG constructs (dynamically conditioned n=7; statically conditioned n=4)
and all fibrin-only constructs (n=3) produced, were imaged.

4.2.10 Assessment of the functionality of the FCG constructs and fibrin
constructs
Functionality refers to the construct’s capacity to function as a valve i.e. for its
leaflets to provide unobstructed opening followed by full closure. The valve leaflets
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must allow fluid to move through them unobstructed to ensure the stroke volume
of the heart is not adversely affected by their presence. In turn, the valve leaflets
must fully seal as lack of coaptation allows regurgitation of fluid through the heart.
The bioreactor described in Section 4.2.4 was used to push fluid (PBS) through the
construct to mimic the ventricular pumping action of the heart and assess the
construct’s functionality. To assess opening and closing of leaflets from the arterial
side of the construct, videos of opening (systole) and closing (diastole) cycles were
recorded with a high-speed camera (Exilim EX-ZR100; Casio Europe). Ultrasound
was also used to assess the functionality of the construct using the Vivid-i
ultrasound (General Electric, Solingen) (Hurtado-Aguilar et al., 2016). The
functionality of the FCG constructs and the fibrin-only constructs were evaluated
following dynamic conditioning, as were three statically conditioned FCG
constructs.

4.2.11 Burst strength of the FCG constructs
The effect of dynamic conditions on the mechanical properties of the FCG
constructs were investigated by measuring the burst strength of the constructs
when initially fabricated (Day 0), following 21 days of static culture and following
dynamic conditioning. A custom-made burst strength chamber equipped with a
pressure sensor (Jumo Midas pressure transmitter; Jumo, Fulda) and a peristaltic
pump (IPC Ismatec; IDEX Health & Science GmbH, Wertheim) developed by the
Applied Medical Engineering Department in RWTH Aachen (Moreira et al., 2014)
(Figure 4.5) was used to determine burst strength values. Samples of approximately
1 cm2, were cut with a scalpel from the leaflets and walls of the constructs (n = 3 of
each sample type) and were placed into the burst chamber. PBS was pumped into
the space under the sample and the pressure increased until the structural failure
of the sample occurred. This point was clearly detectable by a sudden drop in
pressure and the highest pressure measured before failure was recorded as the
burst strength value using a LabVIEW program (National Instruments, Munich).
Results were expressed as mean ± standard deviation. Statistical significance was
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assessed using one-way analysis of variance (ANOVA), followed by Bonferroni posthoc analysis and p < 0.05 values were considered statistically significant.

A

B

Figure 4.5 Burst strength testing was completed using custom built equipment which pumped PBS
into a chamber underneath the sample until itfailed due to the force being exerted.
A pressure
transducer controlled using a LabView system logged the pressure until failure of the sample. (A)
Shows the equipment used and (B) shows the typical failure mode observed during burst strength
testing which was tearing rather than total perfusion through the samples.

4.2.12 Assessment of the performance of dynamically conditioned FCG
constructs as pulmonary valve substitutes
The performance of dynamically conditioned FCG constructs was evaluated in a
custom-made flow-loop system at physiological pulmonary conditions (cardiac
output of 5.0 l/min, 20 mmHg mean ventricular pressure and a frequency of 70
bpm) to determine mean pressure gradients, regurgitant fraction and effective
orifice area according to the test criteria outlined in ISO 5840-2 (2012). This flowloop system was developed at RWTH Aachen in Prof. Jockenhoevel’s lab (Figure 4.6)
(Moreira et al., 2016). The pressures were measured using pressure transducers
positioned immediately upstream and downstream of the construct (CODAN pvd
Critical Care, Forstinning) and the instantaneous flows were measured by a
flowmeter (sonoTT; em-tec GmbH, Finning) positioned downstream of the
construct. Pressure and flow values were recorded by a LabVIEW application
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(National Instruments, Munich). All sensors were calibrated prior to the start of
each experiment and values were calculated from ten cycles toward the end of the
test. Three dynamically conditioned FCG constructs were tested in this way.

Figure 4.6 A mock flow loop was used to test the performance of the valve at pulmonary
conditions.The experimental set up is shown here. At pulmonary conditions according to ISO 5840-2
(2012), the valve substitute was required to pass 5 litres per minute, maintain a mean ventricular
pressure of 20 mmHg at a frequency 70 beats per minute during evaluation.

Mean pressure difference was calculated according to the standard (see Equation
4.1)
Mean ο =aortic mean ο− subaortic mean ο

Equation 4.1

where, οis the mean pressure difference (measured over the positive pressure
period of the forward flow phase) in millimetres of mercury. Mean pressure
difference acceptance criteria are not explicitly defined within ISO 5840. Effective
orifice area (Equation 4.2) was calculated according to ISO 5840-2 (2012).
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Equation 4.2

where, ܣாைis the effective orifice area in square centimetres; ߩis the density of the
test fluid, in this case water and ݒݍ
is the root mean square forward flow in
ோெௌ
millilitres per second, calculated using Equation 4.3
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Equation 4.3

where, ݒݍ
ሺ
ݐ
ሻis instantaneous flow at time t; ݐ
ଵis time at start of forward flow; ݐ
ଶis
time at end of forward flow. Regurgitant fraction is regurgitant volume (volume of
fluid that flows through a HV substitute in the reverse direction during one cycle
and is the sum of the closing volume and the leakage volume) expressed as a
percentage of stroke volume. Additionally, ISO 5840-2 (2012) does not specify
acceptance criteria for effective orifice area or regurgitant fraction in pulmonary
valves, thus we assessed this valve against the aortic criteria while applying
pulmonary flow conditions; for a valve of annulus diameter 21 mm effective orifice
area must be greater than or equal to 0.85 cm2, and the regurgitant fraction must
be less than or equal to 10%.
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4.3 Results
4.3.1 Cell distribution within the FCG constructs
Histological analysis demonstrated that while SMCs were incorporated within the
FCG constructs, their distribution was not homogenous at Day 0. Images showed
areas of high cell density but areas of low cell density were also observed (Figure
4.7 A, B). When fabricating the FCG construct, the SMCs are initially suspended
within the fibrinogen component of the fibrin solution and subsequently injected
into the CG matrix to create the FCG construct. The uneven cell distribution shown
in these images may be attributed to clumping of the SMCs within this fibrinogen
component, as the cells are in a very high density prior to being injected into the CG
matrix and fibrinogen has been shown to cause clumping of cells due to a
fibrinogen receptor on various cell types, including SMCs (Herrick et al., 1999; Yee
et al., 1998).
Hematoxylin and eosin staining revealed that following static conditioning, an
abundant SMC population was homogenously distributed throughout the FCG
construct (Figure 4.7 C, D). This indicated that migration of SMCs had occurred and
they had also perhaps proliferated in the FCG construct. Dynamically conditioned
FCG constructs also demonstrated a homogenously distributed cell population
(Figure 4.7 E, F) and in comparison to statically conditioned constructs there
appears to be an increased number of cells in the dynamically conditioned
constructs.
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Figure 4.7 Distribution of SMCs throughout the FCG construct was confirmed using
hematoxylin
a
and eosin stain.Following initial fabrication of the construct (A & B), large numbers of cells are
evident, however they are not homogenously distributed throughout the FCG construct. In the
images, areas of low cell density are highlighted with (#) and areas of high cell density are
highlighted with (*). After 21 days of static conditioning, a more homogenous cell distribution across
the FCG construct than was observed at Day 0 and SMCs had migrated into all areas of the construct
(C & D). At the end of the dynamic culture phase, a homogenous cell distribution across the FCG
construct was evident and SMCs had migrated into all areas of the construct (E & F). Some individual
cells are highlighted in the red circles.
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4.3.2 Evaluation of SMC activation by staining for α-SMA
The activation of SMCs incorporated within the FCG constructs was determined
through staining for the marker α-SMA. This revealed that on Day 0, α-SMA was
present in the vast majority of cells imaged across the construct (Figure 4.8 A),
indicating an activation of SMCs. However, expression of α-SMA, as shown by the
red fluorescence, was undetectable after 21 days of static culture (Figure 4.8 B).
Therefore, this FCG construct alone does not promote activation of cells.

Figure 4.8 ^ƚĂŝŶŝŶŐĨŽƌɲ
-SMA (red) showed a reduction within cells
cell
( nuclei stained with DAPI;
blue) after 21 days of static culture.ɲ-SMA was expressed in all cells at Day 0 (A) however, there
was none detectable within cells by Day 21 of static culture (B).

In the dynamically conditioned FCG constructs α-SMA was expressed by SMCs
indicating an activated phenotype, and while this was predominant at the edge of
the construct leaflets (Figure 4.9 A, B), there was also some activation of cells
throughout the wall (Figure 4.9 C). The α-SMA also appeared to be aligned in the
direction of flow (Figure 4.9 B). This activation at the edge of the leaflet is similar to
α-SMA activation observed in aortic valves in vivo (Figure 4.9 D).
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Figure 4.9 ɲ-SMA staining (red) and cell nuclei (blue) show activation and alignment of SMCs,
predominantly at the edges of the leaflet and throughout the wall
of the dynamically conditioned
FCG construct
. Images show activation and alignment of cells at the edge of the leaflet (A & B) and

ƚŚƌŽƵŐŚŽƵƚƚŚĞǁĂůů;Ϳ͘dŚĞŶĂƚŝǀĞĂŽƌƚŝĐǀĂůǀĞ
-SMA at the edge of the
leaflet (D), that is similar to that observed in this dynamically conditioned construct (A & B).

The cell numbers and their distribution seen across all samples verified the findings
described in Section 4.3.1 with an uneven cell distribution at Day 0 and an
increased cell population with a more even distribution following both static culture
and dynamic conditioning.

4.3.3 Cell-mediated ECM deposition within the FCG constructs
There was an obvious increase in production of ECM within the FCG constructs
following dynamic conditioning in comparison to the initially polymerised and
statically

conditioned

constructs,

and

this

was

examined

using

immunohistochemistry. While there was no fibronectin within the FCG constructs
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on Day 0 (Figure 4.10 A), fibronectin was synthesised by the SMCs during static
conditioning of the FCG constructs (Figure 4.10 B). Furthermore, there was
extensive synthesis in both the leaflet and wall regions of the dynamically
conditioned FCG constructs (Figure 4.10 C, D). Fibronectin was also detected in the
native valve tissue (the positive control).

Figure 4.10 Staining showed extensive deposition of fibronectin (red) within FCG constructs
following dynamic conditioning and a limited synthesis of fibronectin following static culture.
Cell
nuclei are stained with DAPI (blue) in these images. No fibronectin was present at Day 0 (A) however,
fibronectin was detected after 21 days of static culture (B). Fibronectin was deposited following
dynamic conditioning in the wall (C) and the leaflets (D) of the FCG constructs.

Collagen III, a major component of native heart valve ECM, was not present in the
Day 0 samples as the FCG construct was made from collagen I (Figure 4.11 A). While
static conditioning did not result in the deposition of collagen III (Figure 4.11 B) it
was substantially synthesised by SMCs in the dynamically conditioned FCG
constructs, which appeared to be aligned in the direction of flow (Figure 4.11 C, D).
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This collagen III was organised in a similar arrangement to the α-SMA alignment
shown in Figure 4.9. As collagen III was found within the native valve ECM (the
positive control), the deposition of it here was very encouraging.

Figure 4.11 Staining showed no collagen III at Day 0 or following static conditioning, however
deposition and alignment of collagen III (red) was obvious following dynamic conditioning of the
FCG constructs.
Cell nuclei are stained with DAPI (blue) in these images. The collagen III was not
identified within the Day 0 (A) or statically conditioned FCG constructs (B) but was revealed in both
the wall (C) and leaflets (D) of the dynamically conditioned FCG constructs.

Fibrinogen was also abundant within the FCG constructs at the end of the dynamic
culture period, showing that the fibrin component of the FCG construct had not
remodelled (Figure 4.12 C, D). The levels of fibrinogen observed here were
comparable to those observed at Day 0 (following initial fabrication) (Figure 4.12 A)
and after 21 days of static culture (Figure 4.12 B), implying that the biological
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integrity of the FCG scaffold was not compromised due to degradation over the
culture period.

Figure 4.12 Staining for fibrinogen (red) and cell nuclei (blue
; DAPI) showed abundant fibrinogen
within FGC constructs after both static and dynamic conditioning.
Image (A) shows the FCG
construct on Day 0, image (B) shows the FCG construct following static conditioning while the FCG
construct wall (C) and leaflet (D) are also shown after dynamic conditioning.

One caveat to note however, was that staining revealed no elastin synthesis
throughout the FCG construct following dynamic or static conditioning, in contrast
to the native valve (positive control).

4.3.4 Evaluation of ability of the FCG construct to sustain an endothelial
cell layer
The ability of the FCG construct to sustain an endothelial cell layer is essential in
ensuring it can remain non-thrombogenic when implanted in vivo. Whole leaflets
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and samples of the wall from Day 0 FCG constructs were seeded with endothelial
cells. Additionally, FCG constructs that had been statically cultured for 21 days or
dynamically conditioned were also seeded with endothelial cells. Staining for CD31,
an indicator of endothelial cell junctions revealed that an endothelial cell layer did
not form on the surface of the Day 0 constructs (containing SMCs). SMC-free FCG
scaffolds, seeded with endothelial cells and subsequently stained using a Live/Dead
assay revealed that the endothelial cells had in fact migrated into the construct
over the 7 days of culture- most likely due to the porosity of the FCG constructs.
In contrast, the FCG constructs cultured in total for 21 days (under both static and
dynamic conditions) did facilitate development of an endothelial cell layer (Figure
4.13). This finding was corroborated using SEM imaging, which showed endothelial
cells on the surface of the statically and dynamically conditioned FCG constructs
(Figure 4.14). The capacity of the FCG construct to sustain an endothelial cell layer
is vital in creating a non-thrombogenic surface that is suitable for implantation
within the vasculature so these results were encouraging.

Figure 4.13 Immunohistochemistry staining of endothelia
l cell to cell junctions (CD31; red) and cell
nuclei (DAPI; blue) shows a monolayer of endothelial cells present on the surface of the statically
(A & B) and dynamically (C & D) conditioned FCG constructs.
Images (A & C) show samples from the
FCG construct wall and (B & D) show samples from the leaflet after 7 days of endothelial cell culture.
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Figure 4.14 SEM micrographs of the FCG construct post static
(A & B) and dynamic (C & D)
conditioning revealed endothelial cells on the surface.
Images (A &C) show samples from the wall
of the FCG constructs
and (B & D) showsamples from the leafletsof the constructs.Endothelial
cells are shown attached to the surface, some of which have been highlighted with a (*). An
alignment of the cells in images (C & D) is a result of the dynamic conditioning experienced by the
construct and its direction is indicated with the arrows.

4.3.5 Dimensional stability of the constructs
The dimensional stability of the dynamically conditioned FCG construct and
dynamically conditioned fibrin-only constructs were assessed using images taken
following initial fabrication (Day 0) and following dynamic conditioning. Images
were also taken of statically conditioned FCG constructs. The coaptation of the FCG
construct leaflets did not change from Day 0 (Figure 4.15 A, B, C) to Day 21
following dynamic conditioning (Figure 4.15 D, E, F) demonstrating the dimensional
stability of the FCG construct and a resistance to cell-mediated contraction.
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Figure 4.15 The FCG construct remained dime
nsionally stable throughout dynamic conditioning
.
Images (A & D) show the FCG construct from the arterial side at Day 0 and Day 21 respectively,
images (B & E) show the construct from the ventricular side, again at Day 0 and Day 21 respectively,
and images (C & F) show the side of the construct, together with the cable ties used to hold it against
the holders, once more at Day 0 and Day 21 respectively. While the shape of the construct and the
coaptation of its leaflets does not change between Day 0 and Day 21, its appearance does changean indication of the ECM deposited by cells within the construct.

In contrast, the leaflets of the fibrin-only construct instantly retracted following
fabrication (Figure 4.16 A, B, C) and continued to shorten over the culture period
(Figure 4.16 D, E, F) indicating that the fibrin-only construct was not dimensionally
stable and was susceptible to cell-mediated contraction.
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Figure 4.16 A fibrin-only constructwas used as a control and expe
rienced severe leaflet shortening
once the leaflets were separated during its fabrication.
This continued throughout the 7 days of
static culture and the 14 days of dynamic conditioning. Images (A and D) show the fibrin-only
construct from the arterial side at Day 0 and Day 21 respectively, (B and E) show the valve from the
ventricular side at Day 0 and Day 21 respectively and (C and F) show the side of the valve, where the
PET mesh support is visible in the valve wall, again at Day 0 and Day 21 respectively. Immediately
after fabrication, the fibrin-only construct leaflets shortened due to cell-mediated contraction (A and
B). After 7 days of static culture followed by 14 days of dynamic conditioning, the leaflets had
continued to shorten due to cell-mediated contraction (D and E).

All statically conditioned FCG constructs also showed full coaptation of valve
leaflets and a resistance to cell-mediated contraction (Figure 4.17).
153

Figure 4.17 FCG construct infiltrated with SMCs demonstrated dimensional stability over 21 days in
static culture. Images (A & D) show the FCG construct from the arterial side at Day 0 and Day 21
respectively, images (B & E) show the construct from the ventricular side, again at Day 0 and Day 21
respectively, and images (C & F) show the side of the construct, together with the cable ties used to
hold it against the holders, once more at Day 0 and Day 21 respectively.

4.3.6 Assessment of the functionality of the constructs
Having determined the dimensional stability of the FCG constructs and the
dimensional instability of the fibrin-only constructs following dynamic conditioning,
we moved onto assessing their functionality. Functionality refers to the construct’s
capacity to function as a valve; for its leaflets to provide unobstructed opening
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followed by full closure. Video and ultrasound was used to assess the opening and
closing of the FCG constructs and fibrin-only constructs following the period of
dynamic conditioning. The FCG constructs functioned in a similar way to a healthy,
native valve, with full coaptation of leaflets and good opening also observed (Figure
4.18). This was confirmed using ultrasound (Figure 4.19), where the leaflets were
seen to open sufficiently, coapt well and closed in unison.

Figure 4.18 Still images captured from video footage of a dynamically conditioned FCG construct
opening and closing demonstrated functionality similar to native valves.
A) Leaflets open; B)
leaflets closing; C) leaflets closed; D) leaflet open.

Figure 4.19 Still images captured from ultrasound footage of a dynamically conditioned FCG
construct opening and closing showed excellent functionality.
A) Leaflets open; B) leaflets closing;
C) leaflets closed; D) leaflets open.

In contrast, the fibrin-only constructs that had been dynamically conditioned
showed severe shortening of the valve leaflets due to cell-mediated contraction,
and a resulting inability for the leaflets to coapt (Figure 4.20), corroborating what
was observed in Figure 4.16. The leaflets were severely contracted with very little
difference observed between the opened and closed position. The ultrasound video
of the fibrin-only construct is difficult to present as stills because distinguishing the
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leaflet from the wall is only possible while the leaflets are fluttering within the
recorded clip, and so have not been presented here.

Figure 4.20 Still images captured from video footage of a dynamically con
ditioned fibrin-only
construct opening and closing shows very poor functionality.
A) Valve open; B) valve closing; C)
valve closed this image is of note as it shows the extent of the leaflet shortening due to cell-mediated
contraction; D) valve open.

Statically conditioned FCG constructs also showed unobstructed opening of the
leaflets (Figure 4.21 A) followed by leaflets that coapted perfectly (Figure 4.21 C)
when the valve was closed. Once again, this demonstrated the dimensional stability
of the FCG construct and resistance to cell-mediated contraction. Interestingly,
when the video footage was analysed, synchronised opening of the leaflets was
observed (Figure 4.21 D) however, a millisecond delay on the closing of one of the
leaflets was a feature of each of the statically conditioned constructs (Figure 4.21
B). This may be due to a subtle twisting of the construct during the culture period or
due to another unknown mechanism.

Figure 4.21 The functionality of thestatically conditionedFCG constructs was assessed using video
imaging; here stills from the video show the opening and closing of a FCG construct following
static conditioning for 21 days.The images show excellent opening (A) and subsequent closing (B &
C). A slight delay in the closing of one leaflet was observed (B) however, synchronised opening of the
leaflets was observed (D).
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Figure 4.22 The functionality of the statically conditioned FCG construc
ts was assessed using
ultrasound; here stills show the opening and closing of a FCG construct following static
conditioning for 21 days.The images show excellent opening (A), subsequent closing (B & C), and
initiation of opening again (D).

4.3.7 Burst strength of FCG constructs
The mechanical properties of the FCG constructs were investigated by measuring
their burst strength. The burst strength of FCG constructs was assessed after initial
fabrication on Day 0, and there was no significant difference between the burst
strength of the wall or leaflet. This correlated with the compressive data provided
in Chapter 3, Figure 3.19. Following dynamic conditioning, burst strength of the FCG
construct wall increased a significant, two-fold amount in comparison to burst
strength values for the wall obtained on Day 0 (Figure 4.23). The FCG construct
leaflets showed a similar two-fold increase in burst strength following dynamic
conditioning, when compared to Day 0 leaflet burst strengths (Figure 4.23). Burst
strength values of the FCG construct wall increased by 50% following static
conditioning; however, static conditioning had no effect on the burst strength of
the leaflets. In contrast, here we have shown that dynamic conditioning has
significantly increased the burst strength values of the FCG construct wall and
leaflet.
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Figure 4.23 Burst strength ofFCG constructwall and leaflet sampleswere comparable on Day ;0
however, following dynamic conditioning burst strength values were significantly increased over
both Day 0 values and statically conditioned values.
Statically conditioned wall samples were also
statistically increased over Day 0 samples (*; p<0.05). Results shown were compiled from three
independent constructs where three individual samples were taken from each.

4.3.8 Assessment of the performance of the FCG constructs as pulmonary
valve substitutes
The performance of the dynamically conditioned FCG constructs were tested in
accordance with the international standard for heart valve substitutes, and
revealed excellent hydrodynamic performance under physiological pulmonary
conditions (Figure 4.24). The mean pressure difference measured was 9.1 ± 0.9
mmHg which is sufficient for pulmonary valve substitutes. An effective orifice area
of 1.4 ± 0.1 cm2 was calculated which exceeds the criteria required for a 21 mm
diameter valve (the standard requires that is must be greater than or equal to 0.85
cm2). Regurgitant fraction was measured at 6.0 ± 0.1%, which indicated excellent
coaptation and haemodynamics (the standard requires that it must be less than
10%). In summary, the results from this analysis show that this FCG construct has
exceeded the acceptance criteria of this international standard, a performance
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measurement that all commercial valve substitutes must meet for regulatory
requirements.
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Figure 4.24 The dynamically conditioned FCG construct performed well under pulmonary
conditions in a mock flow loop, maintai
ning a pressure difference across the tissue (the red and
blue pressure lines), with minimal regurgitation detected and a suitable effective orifice area
calculated. These results exceed the requirements of the ISO standard for pulmonary valve
substitutes with a measured mean pressure difference of 9.1 ± 0.9 mmHg across the leaflets when
closed, a calculated regurgitant fraction of 6.0 ± 0.1% and an effective orifice area 1.4 ± 0.1 cm2.
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4.4 Discussion
The overall goal of this Chapter was to investigate the potential of the fibrincollagen-glycosaminoglycan (FCG) scaffold developed in Chapters 2 and 3 as a
pulmonary valve substitute following dynamic conditioning in vitro. In this study,
having formed the FCG scaffold into a heart valve (HV) shape and seeded it with
primary smooth muscle cells (SMCs) from human umbilical cord veins, the FCG
constructs were statically conditioned for 7 days, followed by dynamic conditioning
for 14 days in a pulsatile flow bioreactor. Following this conditioning, the
encapsulated SMCs were abundant and homogenously distributed within both the
leaflet and wall of the construct. Alignment of α-smooth muscle actin (α-SMA)
within SMCs at the edge of the construct showed activation of these cells, and to a
lesser extent, activation of cells was evident throughout the entire valve wall. In
contrast to the statically conditioned FCG constructs controls, this dynamically
conditioned construct demonstrated abundant fibronectin and aligned collagen III
synthesised by the SMCs. In addition, the ability of the dynamically conditioned FCG
construct to sustain an endothelial cell layer was verified, which is crucial for future
in vivo implantation of this construct as a pulmonary valve substitute. Similarly to
what was observed in Chapter 2, the dimensional stability of the FCG construct
prevailed in the presence of contractile cells. Furthermore, the dynamic
conditioning regime encouraged the development of a construct that demonstrated
full functionality: a valve that was able to close completely with efficient leaflet
coaptation and to open completely without flow restriction. Additionally, the
dynamic conditioning facilitated a two-fold increase in burst strength values when
compared to values obtained following initial fabrication of the construct. Perhaps
most impressively, the FCG construct surpassed the acceptance criteria outlined in
ISO 5840-2 for pulmonary valve substitutes in terms of effective orifice area and
regurgitant fraction and the mean pressure difference across the valve was
appropriate for pulmonary valves. In summary, these results bring us one step
closer to the realisation of a clinically relevant tissue engineered HV.
Hematoxylin and eosin staining showed an abundant cell population throughout
the FCG construct following dynamic conditioning, and staining for α-SMA showed
alignment and activation within cells, predominantly at the edges of the leaflet and
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throughout the wall of the valve. While statically cultured FCG constructs showed a
total deactivation of α-SMA, here the dynamic conditioning stimulated the
activation of cells. This correlates with the characterisation of the cell-mediated
extra cellular matrix (ECM), where collagen III synthesis was dominant at the edges
of the construct, the same location as some activated cells. In fact, over the period
of conditioning, the SMCs within the FCG construct produced ECM to the extent
that it was obvious on the macro scale (Figure 4.15). These results are in contrast to
the statically conditioned FCG constructs, where minimal fibronectin and no
collagen III was observed, showing that dynamic conditioning is encouraging
production of appropriate ECM by the cells.
The pulsatile flow bioreactor used in this study, also encouraged alignment of the
collagen III produced by the cells (Figure 4.11). This alignment suggests the
potential of the FCG construct to develop anisotropic ECM, which may, under the
appropriate dynamic conditions, initiate the development of microstructure
resembling the native leaflet. Interestingly, in prenatal development, valves initially
show a homogeneous matrix distribution, mainly consisting of proteoglycans which
develops into the typical tri-layered structure in fetal valves, and becomes more
pronounced with age (Van Geemen et al., 2016). The ongoing development of this
valve microstructure in vivo raises the question as to what extent tissue engineered
HVs need to resemble the tri-layered structure of the native valve at the time of
implantation, because in vivo remodelling will likely occur upon implantation
(Hoerstrup et al., 2000a). However, the valve still needs to be able to sustain the
harsh haemodynamic environment of the heart from the moment of implantation.
The burst strength and performance results of the dynamically conditioned FCG
construct presented here, potentially address those requirements.
One caveat to note was that while dynamic conditioning encouraged deposition of
fibronectin and collagen III by the SMCs within the FCG construct, there was no
synthesis of elastin. For long term fatigue strength, this FCG construct may function
more efficiently if elastin was synthesised as part of its ECM. Elastin has been
previously shown to be an extremely mechanosensitive protein (Hinderer et al.,
2015) and the generation of elastin has proven extremely challenging, but not
impossible, for all 3D tissue engineered constructs (Patel et al., 2006). During
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elastinogenesis, a fibronectin network is needed for the assembly of fibrillins and
microfibrils,

which

together

provide

a

microenvironment

to

control

tropoelastin/elastin arrangement and cross-linking processes (Sabatier et al., 2009;
Votteler et al., 2013). Encouragingly, fibronectin was synthesised in both the leaflet
and wall of the FCG construct, an essential glycoprotein for the development of
elastin. Additionally, each of the components used here (fibrin, collagen type I,
glycosaminoglycans) have previously been shown to be capable of inducing
elastinogenesis; collagen type I and glycosaminoglycans together have shown to
encourage elastin production (Flanagan et al., 2006); SMCs in a fibrin matrix have
also produced elastin fibres (Long and Tranquillo, 2003), and umbilical cord smooth
muscle cells (ovine derived) have been shown capable of synthesising this coveted
ECM constituent (Moreira et al., 2014). We suggest that extended dynamic
conditioning of this FCG construct, with an increase in the forces applied to the
construct, may produce not only a fully aligned ECM, but may also perhaps result in
elastin production.
Having characterised the cell distribution, activation and ECM within the FCG
construct its ability to sustain an endothelial cell layer was examined. Following
both static and dynamic conditioning the FCG construct facilitated the development
of an endothelial cell layer on its leaflets and wall (Figures 4.13 and 4.14). We
suggest that ECM deposited by the SMCs, made the surface of the construct less
porous than it was at Day 0, and facilitated the monolayer of endothelial cells to
form on the surface of the construct. The importance of this cannot be
underestimated, as valve substitutes must have a non-thrombogenic surface to be
suitable for functionality in vivo. The HV is a challenging haemodynamic
environment and the ideal endothelial cell source for tissue engineered HVs is yet
to be identified (Jana et al., 2015), as different endothelial cells have vastly different
responses to shear stress and turbulent flow (Butcher, 2004). Additionally an
appropriate method for cell seeding of an entire HV construct would need to be
developed or modified from existing designs (Flanagan et al., 2009; Moreira et al.,
2015; Schmidt et al., 2010) if endothelialisation was to be performed in vitro.
Nonetheless, the ability of this construct to sustain an endothelial cell layer, is a
very positive finding.
162

A major finding within this study was that the FCG construct exhibited dimensional
stability and there was no evidence of cell-mediated contraction, unlike other
valves presented in the literature. To date, the field of HV tissue engineering has
repeatedly found that cell-mediated contraction results in valve leaflets which fail
to seal and result in regurgitation of blood through the heart. The FCG construct
demonstrated an ability to maintain dimensional stability over the culture period,
whereas the fibrin-only constructs which were seeded at the same density, with the
same cells, and conditioned in the same way, showed intense cell-mediated
contraction of their leaflets. Tissue engineered fibrin-only constructs have been
successfully implanted in vivo for three months (Flanagan et al., 2009) thus, fibrinonly constructs were chosen as an appropriate comparison for assessing the
functionality of the FCG constructs. The open and closed positions of the fibrin-only
constructs were nearly indistinguishable from each other (Figure 4.20), while in
contrast, the FCG constructs demonstrated functionality comparable to native
valves with unobstructed opening and complete coaptation of the valve leaflets
(Figures 4.18, 4.19 and 4.21, 4.22). In comparison to FCG constructs that were
statically conditioned for 21 days, dynamically conditioned constructs also showed
more synchronised leaflet closing. Cell-mediated contraction resulting in noncoaptation of leaflets, have been reported in multiple tissue engineered HVs,
fabricated from natural, synthetic and decellularised scaffolds, and dynamically
conditioned using a range of different regimes (Driessen-Mol et al., 2014; Flanagan
et al., 2009; Gottlieb et al., 2010; Hoerstrup et al., 2000a; Reimer et al., 2016;
Spriestersbach et al., 2016; Takewa et al., 2013; Weber et al., 2013). It has
previously been postulated that dynamic conditioning, recapitulating the strain
exerted on the leaflets during diastole, can help prevent cell-mediated contraction
(van Vlimmeren et al., 2013). We suggest that scaffold material selection is a more
important parameter for dimensional stability of valve leaflets, as regardless of
conditioning regime (static or dynamic) coaptation was possible within the FCG
construct.
The deposition of cell-mediated ECM supported the formation of an endothelial cell
layer and also increased the burst strength of the FCG construct. A burst strength of
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over 500 mmHg for the dynamically conditioned leaflets is sufficient to withstand
the pulsatile conditions in vivo (Tschoeke et al., 2008), and the dynamically
conditioned construct wall had a burst strength of over 900 mmHg. While this is still
below native valves (aortic valve ~2473 mmHg measured using the same burst
strength test setup (Moreira et al., 2016)) development of a fully biomimetic ECM
may increase the burst strength of this tissue engineered HV. Accordingly, when
tested in vitro as a pulmonary valve substitute, the FCG construct sustained an
appropriate mean pressure difference at pulmonary flow conditions. In addition,
the effective orifice area of the FCG construct passed the criteria outlined in ISO
5840-2 as did its regurgitant fraction. The performance of this FCG construct thus
meets the regulatory requirements outlined for pulmonary valves in ISO 5840-2.
These are very promising results for any new pulmonary valve, and for a tissue
engineered HV created entirely from natural scaffold materials, these performance
results provide compelling evidence that this FCG construct can perform as a
pulmonary valve substitute. As it is fabricated entirely from natural materials, this
FCG construct has the capability to fully integrate with the patient’s vasculature,
and the capacity to grow and remodel over time in vivo. As well as therapeutic
applications in HV repair, this FCG construct may also be used as an in vitro
platform for drug screening, device testing or analysis of valvular cell interactions
and disease states – opening up a myriad of applications (Ryan et al., 2016).

4.5 Conclusion
The overall aim of this study was to examine the effect of dynamic conditioning on
the development of a heart valve shaped fibrin-collagen-glycosaminoglycan (FCG)
construct for use as a pulmonary valve substitute. The dynamic regime employed
encouraged synthesis of appropriate, aligned cell-mediated extra cellular matrix
and enabled the development of an endothelial cell layer. Additionally, dynamic
conditioning of the dimensionally stable FCG construct encouraged fabrication of a
pulmonary valve substitute that demonstrated full coaptation of valve leaflets and
unobstructed valve opening, showing an improvement over dynamically
conditioned fibrin-only constructs. The burst strength of the FCG construct
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increased by two-fold from its initial strength and crucially, when tested at
pulmonary flow conditions, the FCG construct passed the performance criteria
outlined in ISO 5840-2 for pulmonary valve substitutes. Overall, these results
indicate that dynamic conditioning of this FCG construct encouraged development
of valve-like tissue for creating a construct suitable for pulmonary valve
applications. This is undoubtedly a step forward in the development of a new
generation of tissue engineered valve substitutes.
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5.1 Overview
The current gold standard treatment for patients with defective heart valves is
replacement using mechanical or bioprosthetic valves. While these valves
undoubtedly save lives, increase life expectancy and improve the standard of living
for patients with valvular heart disease, they also have well documented
limitations. For paediatric patients, the most debilitating limitation is the inability of
currently available valve replacement therapies to grow concurrently with a
growing body. To overcome this and other limitations, the focus of prosthetic heart
valve (HV) research has shifted to the development of living, tissue engineered
valves, capable of growth and remodelling.
The regeneration of organs and the concept of tissue engineering first emerged in
the early 1980’s, with the development of artificial skin (Yannas and Burke, 1980)
and by 1995, the application of tissue engineering principles to HVs was reported.
Initially, researchers implanted individual valve leaflet constructs within a native
valve in vivo (Shinoka et al., 1995) but since then, full valve shaped constructs using
a diverse range of materials and cell combinations have been tested both in vitro
and in vivo (Jana et al., 2015, 2014). However, in spite of over 20 years of research
into HV regeneration, full scale clinical translation of tissue engineered heart valves
(TEHVs) remains an aspirational goal. One of the reasons behind this is that the
cardiovascular system is a particularly challenging haemodynamic environment;
couple this with the multifaceted biological requirements of HVs, and the
dimensional stability needed within the construct to ensure full coaptation of the
valve leaflets and the challenges with clinical translation can be seen.
To achieve clinical success, a TEHV would need to have superior overall
functionality to currently available valve substitutes. To achieve this, they would
have

to

demonstrate

excellent

haemodynamics,

long

durability,

high

thromboresistance, while being easily implantable, sensitive to local events and
capable of growth and remodelling. A major problem with TEHVs to date is that
they have suffered from inadequate sealing of leaflets (non-coaptation) during
diastole, due to leaflet shortening stemming from cell-mediated contraction.
Therefore the overall goal of the research presented in this PhD thesis was to
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develop a natural biomaterial scaffold for HV tissue engineering, capable of
resisting cell-mediated contraction. The fundamental hypothesis was that a fibrin
gel, with a proven capacity for supporting valvular cells, could be reinforced with a
collagen-glycosaminoglycan (CG) matrix, resulting in a scaffold with optimised
mechanical characteristics and an enhanced ability to resist cell-mediated
contraction.

It

was

further

hypothesised

that

if

this

fibrin-collagen-

glycosaminoglycan (FCG) scaffold could be scaled up into an anatomically accurate
HV form by developing a suitable biofabrication process, then a TEHV capable of
resisting cell-mediated contraction, and overcoming one of the major challenges in
the field to date, might be attainable.
Many naturally derived materials enjoy an immune-privileged status and do not
invoke the usual foreign body response typically seen with synthetic implanted
materials (Aamodt and Grainger, 2016); therefore, we opted for an approach based
on natural polymers. Fibrin has excellent biological properties as a tissue
engineering scaffold; however, its weak mechanical properties render it susceptible
to cell-mediated contraction. Freeze-dried CG matrices have been developed in the
Tissue Engineering Research Group at RCSI for a range of applications so in Chapter
2 we developed a FCG scaffold with unique mechanical and biological properties
and a controlled porous microstructure. Crucially, the ability of this FCG scaffold to
resist cell-mediated contraction was established, with no change in scaffold
dimensions when cultured with contractile cells. While developed with a view
towards HV repair, these results indicate the potential of this biomaterial for use in
applications where dimensional stability is crucial to the functionality of the
construct. Furthermore, the method developed to impregnate a porous scaffold
with a hydrogel provides an efficient seeding process for encapsulating cells. We
thus propose that this solution, comprised of all natural materials, makes it a more
attractive option than many currently available materials and has potential for a
range of TE applications.
A biofabrication process was developed in Chapter 3 to scale up this FCG scaffold
into an anatomically accurate HV shape. Freeze-drying, the technique used to
create the CG matrix in Chapter 2, had not been previously used to successfully
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create a matrix with a large height to width ratio, thus creating a HV shaped CG
matrix was a major challenge. Through control of parameters such as the mould
material, thermal transfer through the mould and final freezing temperature, a
repeatable process to create a HV shaped CG matrix was established. The collagen
concentration of the HV shaped CG matrix was optimised for HV applications and
the resultant biomaterial infiltrated with fibrin to create a HV shaped FCG scaffold
with excellent integration of all components and consistent mechanical properties
between the leaflets and wall. Thus, by using this novel biofabrication process, the
FCG scaffold developed in Chapter 2 was scaled up into a HV shape which had a
homogenous porous architecture, thus enabling it to be used as a scaffold for
TEHVs. While this study has provided proof of principle for creation of complex
porous collagen biomaterials with a large height to width ratio, this biofabrication
method could be used to shape other natural polymers, providing a novel approach
for creation of large complex, porous shapes suitable for a range of applications.
In the final chapter (Chapter 4), the feasibility of using the HV shaped FCG scaffold
as a template for a TEHV was demonstrated and a pulmonary HV substitute was
developed. The application of a dynamic regime on the FCG construct encouraged
synthesis of appropriate, aligned, cell-mediated extra cellular matrix (ECM) which in
turn enabled the development of an endothelial cell layer. The leaflets of the FCG
construct remained dimensionally stable and functionality testing demonstrated full
coaptation of valve leaflets and unobstructed valve opening. The burst strength of
the FCG construct increased two fold from its initial strength, and crucially, when
tested at pulmonary flow conditions, the FCG construct passed the performance
criteria outlined in ISO 5840-2 for pulmonary valve substitutes. Overall, these
results indicate that dynamic conditioning of this FCG construct encouraged
development of valve-like tissue for creating a construct suitable for pulmonary
valve applications. This is undoubtedly a step forward in the development of a new
generation of tissue engineered valve substitutes and, potentially, a new, improved
treatment for paediatric patients with congenital heart defects.
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The following sections will summarise the key findings and implications from each
individual chapter and review the possible future directions which have arisen from
this research.

5.2 Chapter 2: Development of a FCG scaffold to resist cell-mediated
contraction
Scaffolds for tissue engineering provide a template for cells to lay down ECM, and
there are unique challenges associated with the design of scaffolds for applications
where the shape and dimensional stability of the scaffold is critical to its function.
For example, scaffolds for use as HVs must be able to provide unobstructed
opening during systole, while preventing all retrograde blood flow during diastole.
If the construct does not function correctly with full coaptation of the leaflets, it will
not be able to sustain its role over the long term as the dimensional stability of the
leaflets are critical to its functionality. Fibrin is an ideal scaffold material, as it is an
autologous protein with inherent biocompatibility (Ahmed et al., 2008). Its meshlike microstructure facilitates the encapsulation of cells while it also promotes
cellular migration, proliferation, and matrix synthesis through the release of
platelet derived growth factor and transforming growth factor-β (Jockenhoevel et
al., 2001b). In spite of these excellent biological properties, fibrin’s susceptibility to
cell-mediated contraction is its greatest limitation. Therefore, the overall goal of the
research presented in Chapter 2 was to reinforce a fibrin gel with a CG matrix and
thus develop a FCG scaffold which would provide a dimensionally stable substrate
for tissue engineering applications.
A CG suspension was freeze-dried to produce a porous CG matrix and subsequently
crosslinked. Using a technique where fibrin was injected into this porous CG matrix
an effective manufacturing process that ensured excellent integration of all scaffold
constituents was established. Cells from a human aortic smooth muscle cell line
were incorporated within the fibrin gel and its fast polymerisation provided an even
distribution of cells throughout the FCG scaffold, by quickly securing the cells in
position. This seeding process proved very efficient, demonstrated by the high
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levels of cell retention and cell viability observed and the bioactivity of the FCG
scaffold led to a high cell density, due to proliferation of encapsulated cells.
While fibrin gels have a low tensile and compressive modulus, when reinforced with
a CG matrix, the tensile and compressive moduli increased 6-fold and 30-fold,
respectively. This increase is explained by the framework of the CG struts within the
FCG scaffold which acted as reinforcement for the fibrin gel. One of the key findings
of this study was, that over seven days in unconstrained culture, the dimensions of
the FCG scaffold did not change, showing an ability to resist cell-mediated
contraction, while still maintaining cell viability. This was attributed to three
separate factors; firstly, increased stiffness of the substrate, due to crosslinking, has
been reported to reduce cell-mediated contraction (Sheu et al., 2001; Syedain et al.,
2009). The FCG scaffold has a higher stiffness than fibrin gels and so its resistance to
deformation and bending is higher. Secondly, an increase in collagen density has
been reported to reduce cell-mediated contraction (Legant et al., 2009). Thirdly, the
presence of increased glycosaminoglycans in tissues have shown lower cellmediated contraction due to the damping effect of the glycosaminoglycans (van
Vlimmeren

et

al.,

2013).

The

concentrations

of

both

collagen

and

glycosaminoglycans utilised in this study were optimised to provide the most stable
combination of each macromolecule that resulted in a dimensionally stable FCG
scaffold capable of resisting cell-mediated contraction. Fibrin has previously been
combined with polyglycolic acid, hyaluronic acid–tyramine and collagen (Cummings
et al., 2004; Hokugo et al., 2006; Lee and Kurisawa, 2013; Rowe et al., 2007; van
Vlimmeren et al., 2013) and while these combinations increased the mechanical
properties of fibrin, the resistance to cell-mediated contraction remained minimal.
Additionally, many of these studies did not report strong cell viability (Cummings et
al., 2004; Hokugo et al., 2006; Lee and Kurisawa, 2013; Rowe et al., 2007; van
Vlimmeren et al., 2013).
The FCG scaffold and the method developed to incorporate a hydrogel containing
cells through a porous matrix could be applied to a range of tissue engineering
applications. Perhaps the greatest potential of this natural composite biomaterial is
for use in applications where dimensional stability is crucial to the functionality of
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the regenerating tissue and also where a tissue engineering solution comprised of
all natural materials makes a more attractive option than currently available
materials. In the remainder of this thesis, the use of this scaffold for HV applications
was explored.

5.3 Chapter 3: Development of a FCG heart valve shaped scaffold
In Chapter 3 we developed a biofabrication method to produce a HV shaped version
of the FCG scaffold developed in Chapter 2. Fabrication techniques to shape natural
polymers have traditionally lagged behind those used with synthetic polymers;
natural materials cannot be exposed to large temperature ranges or harsh
chemicals during processing, as doing so may denature the material proteins,
affecting their bioactivity (Hinton et al., 2015; Hollister, 2005; Koens et al., 2011;
Zeugolis et al., 2008). Thus, the biofabrication of natural scaffolds into 3D
anatomically relevant shapes with a defined microstructure remains a major
challenge for many tissue engineering applications and one particularly problematic
for HVs due to their complex shape. Our lab has previously shown that freezedrying of collagen based biomaterials ensures retention of bioactivity, making
freeze-drying an excellent fabrication option for tissue engineering scaffolds (David
et al., 2015; Haugh et al., 2011; Levingstone et al., 2016, 2014; O’Brien et al., 2007).
However, in TE applications, freeze-drying is typically only used to create planar 3D
geometries and the development of complex shapes using freeze-drying has not
been reported upon in the literature previously. Therefore the overall goals of this
chapter were to (1) develop a biofabrication method to produce a HV shaped CG
matrix and (2) to subsequently use this to create a HV shaped version of the FCG
scaffold developed in Chapter 2.
In order to freeze-dry such a complex structure, complete freezing and drying is
critical to ensure the scaffold does not collapse once rehydrated. This is not a trivial
issue as a 3D HV geometry has a large height to width ratio making it difficult to
control the heat transfer through the mould holding the biomaterial suspension
during the freeze-drying procedure. Therefore, two HV moulds with different
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thermal conductivities, one manufactured from aluminium and one from
polyoxymethylene (POM), were used to freeze-dry HV shaped CG matrices.
Temperature mapping of the CG suspension during the freeze-drying process
revealed that the conductivity of the aluminium mould facilitated tighter control
over the entire process, and resulted in fabrication of a matrix with a homogenous
porous microstructure. The link between a tightly controlled cooling rate during
fabrication and the subsequent development of matrices with a homogenous
porous microstructure has previously been proven by our research group (O’Brien
et al., 2004). A method of crosslinking this HV shaped CG matrix was developed and
based on the results of these initial studies, a new mould for freeze-drying (the final
mould) was designed (Figure 3.9). The dimensions of the cavity of this final mould
were increased (from the original design) to allow for the shrinkage experienced by
the HV shaped CG matrices during crosslinking, and a locking mechanism that was
centrally located in the initial mould was relocated to the external housing, to
facilitate full coaptation of leaflets. Thus, this final mould was fabricated from
aluminium, and a biofabrication process (using a constant cooling rate of 1°C/min
and a final freezing temperature of -10°C) was used to repeatedly produce HV
shaped CG matrices with an average pore size of 137 µm recorded across the height
of the CG matrix.
We subsequently progressed to use this HV shaped CG matrix to successfully create
a HV shaped version of the FCG scaffold previously developed in Chapter 2. A
concentration of 0.75% collagen and 0.044% glycosaminoglycan provided a HV
shaped CG matrix with the highest compressive and tensile moduli and crucially,
could support its own weight, making it easy to manipulate. Infiltration of fibrin
throughout the HV shaped CG matrix was achieved using the injection technique
developed in Chapter 2. A custom designed support structure also allowed the HV
shaped CG matrix to be supported during crosslinking, and also during infiltration of
the fibrin, with the added benefit of minimising the handling of the scaffold. The
homogeneity of the resultant HV shaped FCG scaffold was confirmed through
compressive testing where samples from the valve leaflet had a very similar
compressive modulus to samples from the valve wall.
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Until the advent of this study, the creation of complex geometries with a controlled
porous microstructure using natural materials was challenging, especially if the
bioactivity of the material was to be retained. Currently, the predominant
fabrication methods used for manufacturing complex shapes are 3D printing and
electrospinning, and they have significant limitations; 3D printing of natural
materials is limited to a resolution of approximately 300 µm (Kang et al., 2016)
while electrospinning creates a scaffold with an unpredictable pore architecture,
where the resultant mechanical properties are anisotropic and there is the added
uncertainty as whether the bioactivity of electrospun natural materials is suitably
retained. Indeed, this is especially relevant for collagen which is easily denatured
into gelatin through electrospinning (Zeugolis et al., 2008). In view of these
limitations, freeze-drying is an excellent method to shape natural materials, while
maintaining a bioactive, porous architecture and here we have shown how this
technique can now be used to create large collagen matrices with a complex porous
geometry. The pore sizes achieved within the HV shaped CG matrix are comparable
to those found in planar 3D CG sheets (Murphy and O’Brien, 2010) which have
facilitated successful long term culture of cells and regeneration of bone and
cartilage in vivo (David et al., 2015; Levingstone et al., 2016, 2015), proving that
scaffold pore sizes in this range provide adequate diffusion of nutrients for tissue
engineering applications. While this chapter has provided proof of principle for
creation of porous collagen biomaterials in a complex shape, the biofabrication
process outlined in this study could be used to create scaffolds in a range of organspecific geometries and also from a range of natural materials. This opens up the
potential of freeze-drying as a fabrication process to create scaffolds for
applications, and using materials, which until now may not have been considered
feasible. Indeed, patient specific moulds could potentially be generated allowing
the freeze-drying of unique anatomical features.
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5.4 Chapter 4: Dynamic conditioning of a HV shaped FCG scaffold to
produce a pulmonary valve substitute
Having demonstrated our ability to generate a composite biomaterial scaffold
capable of resisting cell-mediated contraction (Chapter 2) and the development of a
biofabrication process to create this scaffold in a HV shape (Chapter 3), we
subsequently examined the feasibility of using this scaffold for HV tissue
engineering. Currently available pulmonary valve substitutes for paediatric patients
have many limitations, so there is a high reward to risk ratio which may favour rapid
clinical adoption of a successful tissue engineered pulmonary valve (Hopkins, 2013).
A major challenge for any TEHV is sustaining the in vivo mechanical load from the
moment of implantation, as this is vital for the survival of the patient. One method
to encourage development of suitable tissue characteristics in vitro is to use a
bioreactor system to mimic the native biomechanical signals found within the
heart, and thus prompt development of appropriate, functional tissue (Bäck et al.,
2013; Hasan et al., 2014; Merryman et al., 2006a; Parvin Nejad et al., 2016).
Therefore, in Chapter 4 we investigated the potential of this material as a
pulmonary valve substitute, following dynamic conditioning in vitro.
Following fabrication of the FCG scaffold into a HV shape and after seeding it with
primary cells from human umbilical cords, the FCG constructs were statically
cultured for seven days, followed by dynamic conditioning for fourteen days in a
pulsatile flow bioreactor, developed in RWTH Aachen by Professor Stefan
Jockenhoevel’s research group (Weber et al., 2014). Following conditioning,
hematoxylin and eosin staining showed an abundant cell population throughout the
FCG construct and staining for α-SMA showed alignment and activation of cells at
the edges of the construct. Analysis showed that the SMCs within the FCG construct
produced ECM to the extent that it was obvious on the macro scale and histological
analysis confirmed abundant synthesis of fibronectin and collagen III throughout
the construct. This was a marked increase in deposition of ECM than was found in
statically conditioned FCG constructs. The alignment of collagen III deposited by
cells indicated the potential of using dynamic conditioning to encourage synthesis
of ECM and the development of a tri-layered, aligned microstructure, similar to that
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found in native valves (Hoerstrup et al., 2000a). In addition, the ability of the
dynamically conditioned FCG construct to sustain an endothelial cell layer was
verified, which is crucial for future in vivo implantation of this construct as a
pulmonary valve substitute.
A major finding within this study was that the FCG construct exhibited dimensional
stability and there was no evidence of cell-mediated contraction or non-coaptation
of the leaflets, unlike other HVs created from synthetic (Dijkman et al., 2012;
Driessen-Mol et al., 2014; Gottlieb et al., 2010; Hoerstrup et al., 2000a; Schmidt et
al., 2010; Spriestersbach et al., 2015; Weber et al., 2013, 2012, 2011a) and natural
scaffolds (Flanagan et al., 2009; Syedain et al., 2013, 2011). The importance of this
cannot be overstated as the problem of non-coaptation of valve leaflets is of
fundamental concern in this field (Cheung et al., 2015; Sanders et al., 2015). The
long term success of a valve substitute depends on the consistent coaptation of its
leaflets, together with unobstructed opening, and this was achieved in this study.
This HV shaped FCG scaffold thus shows significant promise as a natural biomaterial
scaffold for tissue engineering of HVs, as it has addressed one of the major
challenges faced by this field (Loerakker et al., 2013; Sanders et al., 2015; van
Loosdregt et al., 2014; van Vlimmeren et al., 2013, 2012).
Furthermore, the dynamic conditioning regime encouraged the development of a
construct that demonstrated full functionality; it was able to close completely with
efficient leaflet coaptation and to open completely without flow restriction.
Additionally, dynamic conditioning of the FCG construct facilitated a two-fold
increase in burst strength values when compared to values obtained following
initial fabrication of the construct. The leaflets demonstrated a burst strength of
over 500 mmHg, sufficient to withstand the pulsatile conditions in vivo, and the
construct wall had a burst strength of over 900 mmHg. While these are still below
values seen for native valves, remodelling following in vivo implantation may
increase the burst strength of this TEHV. Perhaps most impressively, dynamic
conditioning of the FCG construct, resulted in a TEHV that surpassed the acceptance
criteria outlined in ISO 5840-2 for pulmonary valve substitutes in terms of effective
orifice area and regurgitant fraction, and the mean pressure difference across the
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valve was appropriate for pulmonary valve substitutes. These are very promising
results for any new pulmonary valve, and for a TEHV created entirely from natural
scaffold materials, these performance results provide compelling evidence that this
FCG construct can perform as a pulmonary valve substitute. As well as therapeutic
applications in HV repair, this TEHV may also be used as an in vitro platform for
drug screening, device testing or analysis of valvular cell interactions and disease
states – opening up a myriad of applications (Ryan et al., 2016).
Overall, this study has shown that dynamic conditioning of a FCG construct
encouraged development of valve-like tissue resulting in a construct suitable for
pulmonary valve applications. This TE pulmonary valve has potentially the capability
to fully assimilate with the patient’s own vasculature, and the capacity to grow and
remodel over time in vivo. This is undoubtedly a step forward in the development
of a new generation of tissue engineered valve substitutes capable of sustaining
coaptation of leaflets and brings us closer to the realisation of a clinically relevant
TEHV.

5.5 Future work
The results from this thesis have identified some areas worthy of further
investigation. These include the following studies (as examples).
x While we have demonstrated in Chapter 4 that this FCG scaffold is suitable
as a pulmonary valve substitute in vitro, the potential of developing a truly
biomimetic, tri-layered valvular microstructure using a longer and
increasingly aggressive dynamic conditioning regime would be of interest.
Additionally, due to the materials and cells used in this study,
elastinogenesis may be possible within the FCG construct under the correct
dynamic regime; however, the optimal conditioning parameters would need
to be determined for both the development of the tri-layered
microstructure and elastinogenesis.
x The in vivo assessment of this pulmonary valve substitute is of undoubted
interest and would allow us to truly ascertain the potential of the construct
177

as clinical valve substitute. Initially, a pilot study using a sheep pulmonary
valve model, as described by (Gottlieb et al., 2010) would allow valve
competency to be assessed. Echocardiography of the valves would visualise
functionality and performance upon initial implantation and cardiac MRI
could be used to measure flow and velocity through the valve and
ventricular volumes throughout the study. Later, histological analysis could
be used to investigate the ECM within the valve structure. If successful, a
long term study might be used to assess the integration of the valve and its
growth in vivo.
x The FCG constructs used in this study have shown endothelial cell layer
forming capacity, but for clinical translation the optimal endothelial cell
source needs to be identified. High volume leukapheresis is a safe procedure
used to extract progenitor cells from peripheral blood (Boyer et al., 2000;
Hernandez et al., 2000; Yoder, 2012; Yuan et al., 2013). These cells may be a
suitable source for endothelialisation of heart valves prior to implantation in
vivo. The use of this cell source warrants further investigation.
x The technologies developed in this thesis could potentially be applied for
use in the development of a TE aortic valve, -as aortic valves are the most
frequently replaced valves. Using the biofabrication process established in
Chapter 3 might allow for incorporation of the distinct anatomical features
of the aortic valve such as sinuses of Valsalva and permit more accurate
haemodynamics within the construct following dynamic conditioning which
may lead to development of appropriate tissue morphology and mechanical
properties.
x The biofabrication technique presented in Chapter 3 could also be adapted
to create scaffold geometries for a range of applications. Collagen-based
scaffolds developed in our lab have gained regulatory approval for bone
regeneration through a spin-out company SurgaColl Technologies. However,
creation of patient specific geometries for large bone defects such as
mandibular replacements presents a potential new application.
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x CG matrices and fibrin gels have previously both encouraged formation of
cartilaginous tissue in the presence of mesenchymal stem cells (Ahmed et
al., 2008; Matsiko et al., 2012), thus the FCG scaffolds may also have
potential in cartilage repair. Furthermore, by using the biofabrication
process developed in Chapter 3, the potential exists for patient specific
cartilage tissue engineering for the repair of complex 3D geometries such as
the ear or nose.
x This pulmonary valve substitute could be used as a 3D in vitro testing
platform to examine cell interactions and disease progression, to examine
the mechanism and efficacy of targeted formulations, for pharmacological
toxicity testing, and medical device testing. 3D in vitro models have
improved physiological relevance, allow for a greater control of variables
and also a shortened experimental time when compared to 2D in vitro cell
culture or animal models which are currently used for these purposes.
x Additionally within our lab, collagen-based matrices have been used as
delivery systems for genes (Castaño et al., 2015; Curtin et al., 2012; Raftery
et al., 2015) or growth factors (Matsiko et al., 2015; Quinlan et al., 2015a,
2015b, 2015c). Thus, the opportunity exists to enhance the regenerative
capacity of the technologies described in this thesis for the numerous
applications described above, through the incorporation of tailored
biomolecules.
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5.6 Thesis conclusions
The shortening of heart valve (HV) leaflets due to cell-mediated contraction of nondimensionally stable scaffolds has been unresolved major hurdle faced by the field
of HV tissue engineering. In this study, we present a natural biomaterial solution to
this problem by reinforcing a fibrin gel with a collagen-glycosaminoglycan (CG)
matrix to create a fibrin-collagen-glycosaminoglycan (FCG) scaffold. Subsequently, a
novel fabrication process was developed to upscale this FCG scaffold into a HV
shape and the ability of the resultant FCG HV scaffold to generate a tissue
engineered pulmonary valve substitute was demonstrated through dynamic
conditioning of this natural composite biomaterial.
The specific conclusions from this project are as follows:
x By reinforcing a fibrin gel with a CG matrix, a natural biomaterial composite
scaffold capable of resisting cell-mediated contraction, when cultured with
contractile cells, was developed. The resultant FCG scaffold displayed
homogenous integration of all scaffold constituents and excellent biological
potential. Additionally, the presence of the CG matrix within the fibrin gel
resulted in significantly higher compressive and tensile moduli.
x A biofabrication method was developed to produce an anatomically
relevant HV shaped CG matrix and this was subsequently used to create a
HV shaped FCG scaffold. By using an aluminium mould to hold the CG
suspension during the freeze-drying process, the temperature of the CG
suspension was tightly controlled, and a HV shaped CG matrix with a
consistent, uniform porous microstructure was fabricated. An optimal
crosslinking process was identified and the mechanical properties of the
matrix were customised for HV applications by adjusting the concentration
of collagen to 0.75%. Fibrin was successfully infiltrated through the porous
microstructure of the CG matrix to create a HV shaped version of the FCG
scaffold that showed consistent mechanical properties across its wall and
leaflets.
x The potential of using the HV shaped FCG scaffold for HV tissue engineering
was established by culturing smooth muscle cells isolated from human
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umbilical cord veins within the construct and dynamic conditioning
encouraged development of valve-like tissue and created a construct
suitable for pulmonary valve applications. The dynamically conditioned FCG
construct showed synthesis of appropriate, aligned cell-mediated ECM.
Endothelial cells cultured on the construct for seven days facilitated the
development of an endothelial cell layer. The FCG construct remained
dimensionally stable, resisting cell-mediated contraction and demonstrated
full coaptation of the valve leaflets followed by unobstructed opening,
during functionality testing. The burst strength of the FCG construct
increased by two-fold from its initial strength and crucially, when tested at
pulmonary flow conditions, this natural biomaterial composite exceeded the
performance criteria outlined in ISO 5840-2 for pulmonary valve substitutes.
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