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Summary

Heart valve replacement is a common treatment of end-stage valvular diseases to
restore functionality of the valve. Although conventional valve replacements by me-
chanical or biological prosthesis offer prosperous function, they are associated with
risks that limit their success. An important shortcoming of all prosthetic valves is
their inability to grow, adapt and repair, which is particularly relevant for treatment
of pediatric and adolescent patients. The lack of these features in current prosthesis
drives the multidisciplinary approach of tissue engineering as a promising technique
to create living heart valve substitutes. The concept of tissue engineering is based on
seeding autologous cells onto a carrier of biodegradable material (the scaffold). This
construct of cells and scaffold is stimulated to grow and develop in a mimicked physi-
ological environment. Implantations of tissue engineered valves have been performed
successfully at the pulmonary position in animal models. However, engineered valves
did not possess sufficient mechanical integrity for implantation at the aortic position.
Therefore, a major challenge in tissue engineering is to create tissue structures that
resemble properties of native tissues to ensure durable functioning and in-vivo sur-
vival.

For future human applications, one of the most important questions is: ”How good
is good enough for in vivo survival of tissue engineered heart valves?”. The first ob-
jective of this work was to define qualitative and quantitative bench-marks for tissue
engineered heart valves to determine when these valves qualify for implantation in
patients. In this thesis these bench-marks were based on mechanical and structural
characteristics of healthy human adult aortic valve leaflets. In native aortic valves,
the collagen fiber architecture is the most prominent matrix component responsible
for sustaining the load under high pressure conditions. Therefore, knowledge about
the function of collagen in relation with the mechanical behavior of native heart valve
tissue was an important research focus in the process to define bench-marks for tissue
engineering.

The relation between mechanical properties and collagen organization was inves-
tigated on a global and local scale in human adult aortic valve leaflets. Mechanical
properties obtained by tensile tests of the leaflets were correlated to the amount of
collagen and cross-links. Collagen cross-links, but not the collagen amount, appeared
highly correlated to tissue stiffness in human heart valve leaflets. With these findings,
the relevance of collagen cross-links for the mechanical integrity of engineered tissues
should be given particular attention. Furthermore, in heart valve tissue, it remained

xi



xii Summary

unclear to what extent mechanical loading affects the collagen fibril morphology. To
determine if local stresses affect the collagen fibril morphology (i.e. fibril diameter, its
distribution, and fibril density), these parameters were investigated with transmission
electron microscopy in adult human aortic valve leaflets. The mechanical behavior of
human aortic valves was implemented in a computational model to predict the stress
distribution in the valve leaflet during the diastolic phase of the cardiac cycle. The re-
sults showed that large tissue stress was associated with larger average fibril diameter,
lower fibril density and wider fibril size distribution compared with low stress loca-
tions in the leaflets. These findings provide insight in the effect of mechanical loading
on the collagen ultrastructure, and are valuable to optimize mechanical conditioning
protocols for heart valve tissue engineering.

The second objective of this thesis was to improve the mechanical properties of en-
gineered tissues towards values of healthy native human aortic valves, which was con-
sidered an objective bench-mark for tissue engineering. Two strategies were adopted
in the tissue engineering protocol to achieve this. The first approach involved modi-
fication of the scaffold design to provide sufficient mechanical support to engineered
tissues. The currently used scaffold material is a mesh of rapid degrading polygly-
colic acid coated with poly-4-hydroxybutyrate (PGA-P4HB). This material degrades
within weeks, and does not provide mechanical integrity after implantation. As some
tissue engineering applications do require a prolonged period of mechanical support
by the scaffold, the feasibility of a slow degrading polymer scaffold of electrospun
poly-ε-caprolactone (PCL) was evaluated for cardiovascular tissue engineering, and
compared with the PGA-P4HB scaffold. After optimization of the electrospun PCL
scaffold, proper cell ingrowth and extracellular matrix biosynthesis were observed,
while retaining elastic properties and mechanical integrity. PCL scaffolds appeared a
promising alternative to PGA-P4HB scaffolds, specifically for tissue engineered blood
vessels and the wall of an engineered heart valve, where prolonged mechanical sup-
port of the scaffold may be desired.
As a second approach, the growing engineered tissues were biochemically stimulated
to enhance tissue formation and strengthen the tissue. After an evaluation of bio-
chemical factors known to promote protein synthesis, hypoxia and insulin were cho-
sen for the experiments. A physiologically relevant oxygen tension, being lower than
currently used in tissue engineering approaches, and insulin supplements were ap-
plied to the growing heart valve tissues to enhance their strength. Both insulin and
hypoxia were associated with enhanced matrix production and improved mechanical
properties, however, a synergistic effect was not observed. Although the amount of
collagen and cross-links in the engineered tissues were still lower than native adult
human aortic valves, tissues cultured under hypoxic conditions reached native hu-
man aortic valve values of tissue strength and stiffness after four weeks of culture,
and were up to twice the values of the normoxic controls. These results strongly
indicate that oxygen tension is a key parameter to achieve native-based bench-mark
values of tissue strength in engineered heart valves. Engineered tissues, based on
rapid degrading scaffolds, of such strength have not been achieved up to now. These
findings bring the potential use for systemic applications a step closer, and can be
considered an important improvement in heart valve tissue engineering.
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General introduction
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2 Chapter 1

1.1 The aortic valve

1.1.1 Anatomy

Blood flow in the heart is controlled by four valves: the aortic valve, the pulmonary
valve, the mitral valve and the tricuspid valve (figure 1.1(a)). The aortic valve is
situated at the transition of the left ventricle and the aorta. It is composed of three
thin half-moon shaped tissue flaps, referred to as leaflets or cusps, three sinuses and
the aortic ring (figure 1.1(b)). The leaflets are passive soft tissue structures of less
than a millimeter in thickness, each with a small swelling in the center called the
nodule, and are attached to the aortic root at the fixed edge. Behind each leaflet the
aortic wall expands to form dilated pouches, the sinuses of Valsalva. The coronary
arteries that provide the heart muscle with oxygen-rich blood and nutrients, descend
from two of the three sinuses. Schematics of the heart and the aortic valve are shown
below.

(a) (b)

Figure 1.1: Schematics of the human heart and the aortic valve. a) Cross-section
of the heart, anterior view, with the tricuspid valve and the mitral valve
located at the outlets of the right, respectively, left atrium, and the pul-
monary and aortic valve positioned at the outlet of the right, respectively,
left ventricle (www.urac.org). b) The aortic valve, transected longitudi-
nally, showing the three leaflets, the sinuses, the aortic and left ventricu-
lar wall. Adapted from Gray (1918)

1.1.2 Function

During the systolic phase of the cardiac cycle the left ventricle contracts, causing
a rise in pressure (figure 1.2). When the pressure in the left ventricle exceeds the
pressure in the aorta, the three cusps of the aortic valve are pushed aside to allow
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passage of blood into the aorta. In healthy valves, the leaflets offer little impediment
to flow. During diastole, relaxation occurs and the pressure in the left ventricle drops.
Backflow of blood forces the valve to close and the cusps to coapt, preventing blood
from flowing back into the left ventricle. During this phase, oxygen-rich blood flows
into the left ventricle from the left atrium across the mitral valve, thus refilling the
ventricle before the next contraction.
Two types of heart valve problems can disrupt blood flow through the valves: stenosis
or regurgitation. A stenotic heart valve can not open completely, while regurgitation
occurs when the valve is unable to close properly, allowing backflow of blood. Both
conditions reduce the pumping efficiency of the heart, and may lead to heart failure.

Figure 1.2: The pressure in the left ventricle rises during its contraction (systole).
When the ventricular pressure exceeds the aortic pressure, the aortic
valve opens and blood flows freely from the left ventricle into the aorta.
Upon relaxation of the left ventricle, the ventricular pressure drops (di-
astole) and the backflow of blood forces the aortic valve to close.

1.1.3 Heart valve replacements

In case of heart valve disease or dysfunction, valve replacement may be necessary.
Current valve prostheses include mechanical and biological valves. A mechanical
heart valve is made of metal or synthetic materials, or a combination of the two.
These valves can usually last a lifetime, but they have an increased risk of thrombo-
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genic responses. Therefore, patients with mechanical valve prostheses need life-long
anti-coagulation therapy. Even though this therapy is relatively safe, it involves in-
creased risk of internal bleeding.
Biological valve prostheses are either of animal (xenografts) or of human origin (ho-
mografts). These valves undergo several chemical procedures, including preservative
treatment and sterilization, to make them suitable for implantation in the human
heart. In contrast to mechanical valves, biological valves do not require the use of
anticoagulant drugs due to the improved blood flow dynamics, which results in lower
thrombogenic risks. The main disadvantage of this type of valvular prosthesis is their
limited lifespan. Bioprosthetic valves are prone to structural dysfunction due to tissue
deterioration and calcification (Hopkins, 2005) and within 10 years of initial heart
valve replacement, 50 - 60% of the patients will require re-operations (Bloomfield
et al., 1991; Hammermeister et al., 2000).
Although conventional valve replacement therapies do offer prosperous function, they
are associated with risks that limit their success (Grunkemeier and Rahimtoola, 1990;
Schoen and Levy, 1999; Vara et al., 2005). An important shortcoming of all pros-
thetic valves is their inability to grow, adapt and repair, which is particularly relevant
for treatment of pediatric and adolescent patients. This drives the multidisciplinary
approach of tissue engineering (TE) as a promising technique for heart valve substi-
tutes. Up to now, TE heart valves did not possess sufficient mechanical integrity to
adopt the function of a natural valve. To overcome this, a thorough understanding of
the aortic valve tissue structure and its mechanical functioning is crucial.

1.1.4 Tissue structure and biomechanical behavior

Valvular tissue consists of cells embedded in a matrix of proteins and other macro-
molecules, the extracellular matrix (ECM). The three major types of biomolecules
present in the ECM are structural proteins, specialized proteins, and proteoglycans.
The structural proteins in the ECM, such as collagen and elastin, provide support and
anchorage for cells. The specialized matrix proteins, such as fibrillin and fibronectin,
engage interactions with cellular integrins, hence contributing to cell attachment and
differentiation, cell shape and movement, and maintenance of tissue phenotype (Har-
alson and Hassell, 1996).
During the diastolic phase of the cardiac cycle, the transvalvular pressure across the
aortic valve leaflets exceeds 11 kPa. This pressure difference generates large stresses
within the leaflets. Considering this order of magnitude, it is quite remarkable that
these thin flaps of delicate tissue are sufficiently strong to withstand these stresses.
The complex layered tissue structure in the valve leaflet is responsible for its func-
tionality. The aorta-facing fibrosa layer of the valve is composed predominantly of a
dense network of collagen fibers (Schoen and Levy, 1999). The collagen network in
the fibrosa is the strongest and stiffest portion of the leaflet (Driessen et al., 2003a;
Sacks et al., 1997). The macroscopically visible inhomogeneous and circumferen-
tially aligned fiber architecture in the tissue matrix (figure 1.3) is associated with the
anisotropic mechanical properties of the leaflet (i.e. stiffer and stronger in circumfer-
ential, than in radial direction) (Sauren et al., 1980; Billiar and Sacks, 2000a). The
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collagen structure is responsible for bearing and distributing end-diastolic stresses
over the leaflets and the transfer of stresses from the leaflets to the fibrous skeleton of
surrounding sinuses and aortic wall (Driessen et al., 2003a; Sacks et al., 1997; Broom,
1988).

The movement of the aortic valve during the cardiac cycle depends on the contri-

Figure 1.3: Matrix structure of an aortic valve leaflet. Originating at the commisures,
connective tissue bundles run nearly parallel with the free leaflet margin.
The white bar represents a scale of 1 cm.

bution of its three different layers (figure 1.4). The layers are very mobile and can
easily compress and shear during leaflet flexure as the valve opens and closes. The
three-layered structure assures both low flexural rigidity, necessary to allow normal
valve opening and non-obstructed passage of blood in the aorta, as well as high ten-
sile strength required to resist transvalvular pressures (Langdon, 1999; Sacks et al.,
1998). The central spongiosa is composed of loosely arranged collagen and an abun-
dant amount of glycosaminoglycans (GAGs). GAGs are covalently bound to matrix
proteins to form proteoglycans. Due to their high viscosity and low compressibility,
GAGs in the spongiosa form a shock and shear absorbing layer. On the other hand,
their rigidity provides structural integrity to the cells and allows cell migration due to
providing the passageways between cells.

The ventricularis layer is situated at the ventricular side of the valve leaflet and
consists mainly of elastin with radially aligned elastic fibers. Elastin is primarily re-
sponsible for generating the preload in the ventricularis. Elastin fibers maintains the
collagen fibre architecture in its neutral state (Mendelson and Schoen, 2006), and
are thought to function as a ’return-spring mechanism’, restoring the contracted con-
figuration after stretching of the valve leaflet. During stretching, in the first part of
the diastolic phase, elastin fibers carry a fraction of the load while collagen fibers ex-
tend and uncrimp. However, near full closure, when collagen has fully unfolded, the
load-bearing element shifts from elastin to collagen (Schoen, 1997). The preloaded
configuration of the fibrosa and ventricularis is associated with their attachment to
each other; the fibrosa under compression and the ventricularis under tension (Vesely,
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Figure 1.4: Schematic of the three layered structure in the aortic valve leaflet. These
are the ventricularis, the spongiosa, and the fibrosa layer.

1998).

1.2 Collagen

In heart valves, like in many tissues, collagen is the most prominent load bearing
component of the extracellular matrix. It is responsible for structural integrity and
provides resistance to tensile strength (Hulmes, 2002; Kadler, 1995). The collagens
are synthesized by myofibroblasts, the valvular interstitial cells (VICs). With growth,
maturation and ageing, continuous remodeling and repair of the tissue matrix is es-
sential to withstand mechanical fatigue. Collagen contents gradually increase from
early to late fetal stages up to a constant level (Aikawa et al., 2006). With ageing,
decreasing collagen contents have been observed in adults (McDonald, 2002; Bashey
et al., 1967), accompanied by a decrease in the extensibility of the heart valve leaflet
(Christie and Barratt-Boyes, 1995).
To understand the functioning of collagen in valvular tissue, it is necessary to investi-

gate the collagen architecture at different microscopical levels (figure 1.5). Collagen
fibers are composed of fibril bundles, which in turn consist of units of five collagen
triple helical molecules staggered together; the microfibrils (Sung, 2003). The in-
dividual tropocollagen units, 1.5nm in diameter and 300nm in length are made up
of three helical chains. The polypeptide chains are stabilized by intra- and inter-
molecular hydrogen bonds, the cross-links. Structural integrity of tissues is achieved
by collaboration of all the levels in the collagen architecture.
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Figure 1.5: The hierarchical structure of collagen from the triple helical collagen
molecule to a collagen fiber.

Figure 1.6: Molecular structure of the fibril. The basic unit of the fibril, the microfibril
is composed of five collagen molecules. These collagen molecules aggre-
gate into a staggered parallel array creating overlap. These microfibrils
are aggregated in a distinct pattern to form collagen fibrils.

1.2.1 Molecular structure

Variations in the amino acid sequence of the α-chains result in structural components
that are the same size (approximately 1000 amino acids), but with slightly different
properties. These α-chains are combined to form the various types of collagen. Col-
lagen type I and III are the most abundant types in heart valves. These collagens
are classified as the fibrous collagens, along with type II, V and XI. Collagen type I
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(a) Hydroxylation of prolyl residues of pro-α-
chains of collagen by prolyl hydroxylase

(b) Formation of cross-links in collagen.

Figure 1.7: Chemical reactions involved in fiber formation of collagen. a) Ascor-
bic acid, oxygen and α-ketoglutarate hydroxylate the proline and lysine
residues of the α-chains, allowing triple helix formation of the α-chains.
b) Lysyl oxidase oxidatively deaminates a lysine residue of a collagen
triple helix. This allows the formation of a divalent enzymatic cross-
link with another collagen molecule (adapted from Champe and Harvey
(1994)).

consists of two identical chains (α1) and one different chain (α2) which is denoted
as [α1(I)]2α2 (Bailey et al., 1998). It is the only heteropolymer among collagens
(Hulmes, 2002). The primary structure of collagen is a repetitive sequence of a small
glycine residue and an X and Y group (-Gly-X-Y-), where X is frequently proline and Y
is often proline or lysine. Glycine is small enough to fit into the restricted space where
the three chains of the helix come together. The α-chains are synthesized in the rough
endoplasmic reticulum after which they are processed by a number of enzymic steps.
The proline and lysine residues are hydroxylated to form hydroxyproline and hydrox-
ylysine residues. These hydroxylation reactions require prolyl and lysyl hydroxylase,
respectively, molecular oxygen and a reducing agent, such as ascorbic acid (figure
1.7(a)). Hydroxyproline functions as a stabilizing factor in the triple-helical structure
of collagen.

After hydroxylation, pro-α-chains form procollagen, a precursor of collagen that
has a central region of triple helix flanked by the non-helical amino- and carboxyl-
terminal extensions called propeptides. The formation of procollagen begins with
disulfide bonding between the C-terminal extensions of the pro-α-chains. This brings
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the three chains into an alignment favorable for the helix formation. The procolla-
gen molecules are translocated to the Golgi apparatus, where they are entrapped in
secretory vesicles. These vesicles fuse with the cell membrane, causing a release of
the procollagen molecules into the extracellular space. The N- and C-terminal of the
procollagen molecules are subsequently cleaved by N- and C-procollagen peptidase
to release the triple-helix collagen molecule and allow fibril formation. Construction
of collagen fibrils occurs by spontaneous association of the molecules. They form an
ordered, overlapping, parallel array, with adjacent collagen molecules arranged in
a staggered pattern to form a five-stranded unit (figure 1.6). The five-stranded mi-
crofibril accounts for a substructure, which can then continue to grow by lateral and
end-to-end aggregation (Hulmes, 1992, 2002).

1.2.2 Cross-linking between collagen molecules

The formation of covalent intramolecular and intermolecular crosslinks is the final
step in collagen biosynthesis that occurs as an extracellular process after cleavage of
the propeptides and fibril assembly. The conversion of lysine into a hydroxylysine
is catalyzed by lysyl hydroxylase. The lysine and hydroxylysine residues in collagen
molecules serve as a substrate for lysyl oxidase. This copper dependent extracellular
enzyme oxidatively deaminates some of the lysyl and hydroxylysyl residues in col-
lagen (Siegel, 1976). The resulting reactive aldehydes can condense with lysyl or
hydroxylysyl residues in other collagen molecules to form di- and tri-functional cova-
lent cross-links between the collagen molecules (figure 1.7(b)) (Champe and Harvey,
1994). These crosslinks stabilize the staggered array of the collagens in the fibril, and
are essential in providing the tensile strength and mechanical stability of the collagen
fibrils and other supramolecular assemblies (Hulmes, 1992). Moreover, the presence
of mature cross-links makes collagen fibers less suspectible for enzymatic degradation
(Paul and Bailey, 2003). Mature cross-links in collagen fibers are based on trivalent 3-
hydroxypyridinium residues. Two chemical forms of this type of cross-link have been
identified, hydroxylysylpyridinoline (HP), derived from three hydroxylysyl residues,
and lysylpyridinoline (LP), derived from two hydroxylysyl and one lysyl residue. The
ratio between these two pyridinium cross-links varies between different tissue types.
HP is predominant in highly hydroxylated collagens, such as type I collagen in heart
valves, LP is found primarily in calcified tissues (Bailey et al., 1998).

1.2.3 Influencing collagen and cross-link synthesis

The structural development of collagen is regulated in vivo by a cascade of growth fac-
tors, enzymes and other biochemical compounds. Table 1.2.3 presents an overview
of various bioactive factors and their mechanism of altering the collagen structure.
Some of these factors are described in more detail below.
Human TGF-β1 is a dimeric protein composed of two identical chains of amino acids,
which controls cell proliferation and differentiation. As a mediator in tissue repair it
stimulates the production of new matrix proteins such as collagens, fibronectin, and
proteoglycans. In addition, it also inhibits the synthesis of proteases and stimulates



10 Chapter 1

the synthesis of protease inhibitors leading to suppression of matrix degradation (Lij-
nen et al., 2003). TGF-β1 was reported to induce an increase in alpha-smooth muscle
actin, a marker of myofibroblasts, associated with an increase in collagen deposition
by higher gene transcription per cell(Kubota et al., 2003). TGF-β1 further enhances
the expression of lysyl hydroxylase, a cross-linking enzyme (van der Slot et al., 2005).
Low oxygen tension, or hypoxia, was reported to increase ECM production by various
fibroblast cell types (Durmowicz et al., 1994; Falanga et al., 2002; Chen et al., 2005).
Increases were observed both at the mRNA and protein level in fibronectin, collagen
I and collagen IV. Interestingly, it was demonstrated that the upregulation of Col1α
mRNA levels failed to occur in fibroblasts from TGF-β1 knock-out mice (Falanga et al.,
1993, 2002). This suggested that low oxygen tension stimulates collagen synthesis
and Col1α transcription through the action of TGF-β1. Hypoxia was also reported
to increase the mRNA and protein levels of prolyl and lysyl hydroxylase, which may
improve collagen cross-linking.
Insulin is a polypeptide hormone that regulates certain biological processes like pro-
tein turnover and glucose transport. Insulin is known for its upregulating effect of
procollagen mRNA, as well as the stimulation of latent TGF-β1 synthesis (Neidert
et al., 2002). Moreover, insulin was reported to act as inhibitor for collagen degrad-
ing enzymes, collagenases, in dermal fibroblasts (Lam et al., 2004).
By influencing the collagen synthesis, organization or cross-linking through direct or
indirect pathways, some of the bioactive factors of table 1.2.3 are known to affect the
mechanical properties of a tissue. For example, the addition of insulin and TGF-β1
in tissue culture medium was reported to enhance the tissue strength in engineered
tissues (Neidert et al., 2002; Ross and Tranquillo, 2003). Conversely, the inhibition
of lysyl oxidase by β-aminopropionitrile is known to have a profound effect on the
fragility of collagenous tissues, due to the reduction in cross-linking (Bailey et al.,
1998; Brightman et al., 2000).

1.3 Heart valve tissue engineering

1.3.1 The tissue engineering paradigm

Tissue engineering, as stated by Langer and Vacanti (1993), is an interdisciplinary
field that applies the principles of engineering and life sciences toward the develop-
ment of biological substitutes that restore, maintain, or improve tissue function or a
whole organ.
Figure 1.8 shows the paradigm of heart valve tissue engineering. The general con-
cept of tissue engineering involves cell donation by the patient that will eventually
receive an autologous engineered valve. For heart valve TE myofibroblast cells, orig-
inating from the saphenous vein, have shown to be a suitable cell source (Schnell
et al., 2001). This cell type is known for its ability to actively remodel ECM and its
relatively high ECM protein expression (Merryman et al., 2006). The cells are seeded
onto a scaffold, a temporary artificial matrix of a natural or synthetic polymer, in the
shape of a heart valve.
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The cell seeded scaffold, or construct, is placed in a bioreactor, a system that simu-
lates the physiological environment, and promotes tissue formation and development.
Tissue development can be enhanced by applying mechanical loading or biochemical
stimuli to the construct in a bioreactor. After several weeks of tissue development and
remodeling, the newly formed autologous TE valve can be, ideally, implanted in the
patient.

Figure 1.8: The tissue engineering paradigm. Cells are isolated from a patient,
seeded on a polymer scaffold, and placed in a bioreactor to enhance tis-
sue formation and remodeling by mechanical and biological cues. After
several weeks the autologous valve can be implanted in the patient.

1.3.2 Current status and strategies

TE ovine heart valves have been successfully implanted in the pulmonary position in
sheep, showing a native-resembling function and tissue composition after five months
(Hoerstrup et al., 2000). Mol et al. (2006) succeeded in fabricating human TE valves
based on a rapid degrading polymer scaffold that could withstand physiological sys-
temic pressures up to four hours in an in vitro setup, and showing anisotropic prop-
erties after 4 weeks of culturing in a bioreactor. Though these results are promising,
tissue stiffness and strength may not be sufficient for systemic applications. To ensure
durability, the quality and integrity of the tissue need further development.
During the TE process the scaffold initially provides structural integrity to the con-
struct, while the cells produce their own natural matrix. Due to continuous changes
in the constructs composition, associated with tissue growth, remodeling and scaffold
degradation, the mechanical properties of the engineered valve are variable during
the culture period. Initially, the scaffold is responsible for the mechanical resilience of
the construct. The gradual breakdown of the scaffold decreases this resilience, while
the natural ECM increasingly takes over this function. Two possible strategies to en-
sure sufficient mechanical integrity of the engineered tissue prior to implantation can
be 1) the choice of scaffold material, or 2) enhancing tissue development during the
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culture period (see figure 1.9).

Figure 1.9: Strategies to alter the relative contributions of the scaffold and newly
formed tissue to load bearing properties of TE constructs. These improve-
ment strategies can either focus on 1) promoting tissue development by
biochemical or mechanical stimuli or 2) designing a stronger and slower
degrading scaffold.

The scaffold material must satisfy a number of requirements. These include bio-
compatibility, biodegradation to non toxic products, processability to complicated
shapes, ability to support cell growth and proliferation, appropriate mechanical prop-
erties, as well as maintaining mechanical strength during the tissue regeneration pro-
cess (Gunatillake and Adhikari, 2003). Furthermore, a high porosity and an adequate
pore size are necessary to facilitate cell seeding throughout the whole structure. The
structure of a scaffold should provide an environment where cells can easily attach,
while allowing cell migration and the diffusion of biochemical factors and nutrients.
The rate of scaffold degradation depends on the type of polymer used. For example,
polyglycolic acid (PGA) is a rapid degrading polyester, which looses its mechanical
integrity within weeks (Hoerstrup et al., 2002). Poly-ε-caprolactone (PCL), on the
other hand, is a slow degrading polyester, which will retain its mechanical properties
for months (Hoglund et al., 2007). Both scaffold materials have their advantages;
PGA will be degraded by the time of implantation in patients, allowing implantation
of autologous tissue. PCL, on the other hand, would remain present for a consider-
able time after implantation. This could be beneficial if mechanical support is needed
after implantation.

Enhancing tissue development, in terms of quality and mechanical integrity, can
be controlled by environmental stimuli of mechanical or biochemical nature. Mecha-
nical loading by cyclic straining was reported to have a stimulating effect on tissue
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stiffness and strength, and matrix biosynthesis of engineered constructs (Mol et al.,
2003). Furthermore, the effect of strain magnitude, as well as the choice for either a
continuous or intermittent cyclic loading protocol is known to have an influence on
the constructs’ composition and mechanical properties (Boerboom, 2007).
The mechanical integrity of engineered tissue may also be improved by biochemi-
cal cues. Several growth factors, enzymes and (bio)chemical compounds are known
to influence the synthesis of collagen, collagen fibril thickness or the cross-linking
pathways by influencing cell metabolism, gene transcription or protein expression
(table 1.2.3). A different approach is to enhance tissue stiffness by cross-linking the
extracellular matrix. For example, glycation due to elevated glucose and ribose con-
centrations in cell culture medium was reported to stiffen and strengthen arterial
tissue equivalents, by glycose-mediated pentosidine cross-links (Bailey et al., 1998),
and to increase their resistance to collagenolytic degradation (Girton et al., 1999).
Besides this non-enzymatic mechanism of cross-linking, the effectiveness of copper-
dependant cross-linking enzymes in cells may be upregulated by supplementing the
medium with copper. Although this method of additional cross-linking of collagen
may provide collagen fibril stability and resistance to proteolysis, it was not shown to
enhance global tissue strength of engineered vessels (Dahl et al., 2005).

1.4 Objective and Outline

One of the main challenges in the field of heart valve tissue engineering is to approach
native human tissue, in terms of mechanical integrity and tissue composition. A thor-
ough understanding of the biomechanical behavior of the native aortic heart valve,
and its relation with the tissue architecture, is therefore crucial to further progress in
this field. Moreover, objective criteria and regulations for TE products are not avail-
able to determine when TE tissue qualifies for implantation in patients. These criteria
should be based on native aortic valves, to serve as target values on which TE strate-
gies can focus, either by scaffold design, or environmental cues.
The objective of this work was twofold:

• Developing bench-marks for tissue engineering by investigating the biomechan-
ical behavior of human aortic valve leaflets, and its dependence on the collagen
architecture (Chapters 2 & 3).

• Aim for native valve characteristics in engineered tissues through two path-
ways: scaffold design (Chapter 4) and the application of environmental stimuli
(Chapter 5).

Regarding the first objective, the collagen structure in human aortic valves was in-
vestigated on a molecular and ultrastructural level. In Chapter 2 collagen parameters
were correlated with mechanical characteristics of the tissue. Chapter 3 describes
the use of the mechanical properties as measured in human aortic valves for a com-
putational model to estimate local stresses in the valve leaflet. The collagen fibril
morphology, in terms of fibril diameter and its distribution, was investigated in the
valve leaflet and correlated to the level of stress predicted by a computational model.
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Subsequently, two strategies to improve the mechanical integrity of the engineered
tissue were described. Chapter 4 evaluates the implications of scaffold material and
design on cell seeding efficiency and tissue development. In Chapter 5 the individual
and combined potential of environmental cues (low oxygen tension and the insulin
supplemented medium) on tissue development was evaluated. Chapter 6 presents a
general discussion and conclusions based on the findings of the presented studies.
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Chapter 2

The relation between collagen
structure and biomechanical

behavior of human aortic valve
leaflets

The contents of this chapter are based on A. Balguid, M. P. Rubbens, A. Mol, R. A.
Bank, A. J. J. C. Bogers, J. P. van Kats, B. A. J. M. de Mol, F. P. T. Baaijens and C. V. C.
Bouten (2007), The Role of Collagen Cross-Links in Biomechanical Behavior of Human
Aortic Heart Valve Leaflets Relevance for Tissue Engineering, Tissue Engineering; 13(7):
pp 1501-1511.
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2.1 Introduction

Worldwide approximately 275,000 heart valve replacement surgeries are performed
annually as a result of heart valve disease (Rabkin and Schoen, 2002). Although
conventional valve replacement therapies do offer prosperous long-term function,
they are associated with significant risks that limit their success (Harken et al., 1962;
Grunkemeier and Rahimtoola, 1990; Jamieson, 1993; Jr. et al., 1996; Schoen and
Levy, 1999; Vara et al., 2005). An important shortcoming of prosthetic valves is their
inability to grow, adapt and repair, which is particularly relevant for pediatric patients.
This drives the multidisciplinary approach of tissue engineering (TE) as a promising
technique for heart valve substitutes. In this approach, autologous cells are used to
make living tissue to replace the damaged or diseased native heart valves (Schenke-
Layland et al., 2004; Vara et al., 2005).
TE heart valves have been successfully implanted in the pulmonary position in sheep,
showing a native-resembling function and tissue composition after 5 months (Hoer-
strup et al., 2000). Mol et al. (2006) succeeded in the fabrication of tissue engineered
valves based on a rapid degrading polymer scaffold that could withstand physiolog-
ical systemic pressures up to 4 hours in an in-vitro setup, and showing developing
anisotropic properties after 4 weeks of culturing in a bioreactor. In view of these
recent developments in the field of TE heart valves a comparison between TE and
native valves is necessary. Criteria are needed to determine when TE tissue can be
qualified as good enough for future implantations in patients. A detailed understand-
ing of the matrix architecture and biomechanical function of the native aortic heart
valve, as well as their interdependence, is therefore crucial to further progress in
this field. Aortic heart valves are remarkably adapted to allow unidirectional and
non-obstructed passage of blood in the aorta. The inhomogeneous matrix structure
of the aortic valve leaflets is macroscopically visible in their fiber architecture (fig-
ure 2.1). The biomechanical behavior of the aortic valve during the cardiac cycle
depends on the contribution of its three different layers. The ventricularis layer is
situated at the ventricular side of the valve leaflet and consists mainly of collagen
and elastin fibers. The middle spongiosa layer largely consists of proteoglycans, and
the aorta-facing fibrosa layer of the valve is composed predominantly of a dense net-
work of collagen fibers. This three-layered structure assures low flexural rigidity,
necessary to allow normal valve opening, and high tensile strength required to resist
transvalvular pressures (Sacks et al., 1998). The collagen network in the fibrosa is
the strongest and stiffest portion of the leaflet, and therefore largely responsible for
bearing and distributing end-diastolic stresses over the leaflets (Sacks et al., 1997;
Driessen et al., 2003a). Elastin fibers in the ventricularis are thought to function as a
’return-spring mechanism’ which restores the contracted configuration following the
stretch of the valve leaflet induced by diastole. During stretching, in the first part
of the diastolic phase, elastin fibers carry a fraction of the load while collagen fibers
extend and uncrimp. However, near full closure, when collagen has fully unfolded,
the load-bearing element shifts from elastin to collagen (Schoen and Levy, 1999).
The circumferentially oriented collagen network allows much higher stiffness in cir-
cumferential direction than in radial direction of the leaflets, as was demonstrated by
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biaxial tensile tests on porcine aortic valves (Yacoub et al., 1999). To ensure long-
term function, mimicking this collagen architecture might be essential in heart valve
TE, in particular when facing systemic applications. In heart valves, like in many
tissues, collagens are the main structural proteins responsible for structural integrity
and biomechanical strength, predominantly tensile strength (Kadler, 1995; Hulmes,
2002). How the collagen architecture contributes to biomechanical behavior of heart
valves under high pressure conditions is not clear. Due to limited availability of fresh
material and proper test environments, biomechanical characterization of human aor-
tic valves has been sparsely performed (Clark, 1973; Stradins et al., 2004) and the
results were not correlated to structural properties. Available studies on structure-
function relationships have mainly focused on the role of elastin and were performed
on porcine aortic valves (Schoen, 1997; Vesely, 1998). Due to species differences,
extrapolation of such results to human valves is delicate. Several studies have been
conducted to investigate matrix composition and collagen architecture in healthy and
diseased human and animal aortic valves. These concern histological examinations of
collagen organization (Sauren et al., 1980; Kunzelman et al., 1993; McDonald, 2002;
de Lange et al., 2004; Schenke-Layland et al., 2004), quantitative evaluation of the
amounts and types of collagen (Bashey et al., 1967; Lis et al., 1987) and quantitative
fiber bundle morphology (Doehring et al., 2005). Interestingly, collagen architecture
in heart valves seems age-dependent. With growth and maturation, collagen con-
tents gradually increase from early to late fetal stages up to a constant level (Aikawa
et al., 2006). With ageing, decreasing collagen contents have been observed in adults
(Bashey et al., 1967; McDonald, 2002), accompanied by a decrease in the extensibility
of the heart valve leaflet (Christie and Barratt-Boyes, 1995). Apart from collagen con-
tent, changes in collagen type or collagen fibril size have been proposed to influence
heart valve biomechanics with age (Christie and Barratt-Boyes, 1995). Research in
skin has demonstrated that with age mechanical tissue strength and stiffness increase
along with an increased intermolecular collagen cross-link concentration (Avery and
Bailey, 2005). Furthermore, in bone tissue a correlation was found between colla-
gen cross-linking and biomechanical properties (Banse et al., 2002). Although bone
is structurally different from cardiovascular tissues, this illustrates the relevance of
cross-links in enhancing collagen fibril stability and strength. A similar correlation
might be expected for heart valve tissue. The objective of this study is to investigate
structure-function relationships in human aortic heart valve leaflets, with special em-
phasis on collagen content and cross-link concentration. Correlations between these
structural properties and biomechanical parameters are examined in both native and
engineered leaflet tissue to further optimize tissue engineering of heart valves.
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2.2 Materials and methods

2.2.1 Specimen preparation

Native human valves

Nine healthy human donor aortic valves (6 female, 3 male, mean age 48.9 ± 11.4
years) were obtained from the Rotterdam Heart Valve Bank at the Erasmus University
Medical Center, Rotterdam, The Netherlands. The cause of death of the donors did
not involve aortic valve disease, or other conditions known to precede aortic valve
diseases. Prior to donation, none of the donors or their relatives objected to experi-
mental use of the cardiovascular tissue following explantation. Upon dissection, the
valves were stored at 4◦C and biomechanical experiments were conducted at room
temperature within 24 hours.

TE constructs

Scaffold preparation, cell culture, and cell seeding procedures were performed as
described previously (Mol et al., 2005b). Briefly, rectangular strips (5×35×1 mm)
of rapid degrading non-woven poly-glycolic acid meshes (PGA; Cellon, Luxembourg)
were coated with a thin layer of poly-4-hydroxybutyrate (P4HB; TEPHA Inc., Cam-
bridge, USA). The strips were attached to flexible membranes in 6-well plates (Flex-
cell Int., McKeesport, USA) and seeded with human venous myofibroblasts using fib-
rin as a cell carrier (Mol et al., 2005a). The cell-seeded scaffolds are further referred
to as TE constructs. After five days of static culture, the TE constructs were divided
into two groups to obtain a larger variance in matrix and biomechanical properties
and cultured for three additional weeks. One group of constructs (static, n = 5) was
not strained by external load. The other group (dynamic, n = 5) was subjected to
4% uniaxial dynamic straining at a physiologically relevant frequency of 1 Hz using a
Flexcell Fx-4000T straining device (Flexcell Int. McKeesport, USA).

2.2.2 Biomechanical testing and matrix analysis

Biomechanical testing

To investigate the biomechanical characteristics of the native tissue, each valve was
subjected to uniaxial tensile tests in two directions (figure 2.1b): strips of one valve
leaflet in circumferential direction (each strip was 3 mm wide, n = 3-4 strips per
valve) and strips of another leaflet in radial direction (n = 3-5 strips per valve). The
tensile tests were performed on confined strips, meaning that the ends of the strips
were clamped, not allowing translational movement between the layers of the leaflet.
The thickness of the leaflet strips was measured using a Digimatic Micrometer (Mitu-
toyo America Corporation, Aurora, USA). Tensile tests were performed on a custom-
built tensile tester, equipped with a 20 N load cell. Stress-strain curves were obtained
at a strain rate of the initial length per minute (l0/min). From the curves the ultimate
tensile stress (UTS) and maximum strain at break (εmax) were determined. The slope
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of the linear part of the curve represented the modulus of elasticity (further referred
to as modulus) of the tissue. Data were averaged per valve leaflet. Anisotropic prop-
erties were defined as differences between the moduli in the two directions.
The biomechanical properties of the tissue engineered constructs in the loading di-
rection were determined similarly.

Figure 2.1: a) Anisotropic matrix structure of an aortic valve. Originating at the
commisures, connective tissue bundles run nearly parallel with the free
leaflet margin. The white bar represents a scale of 1 cm. b) Uniaxial
tensile tests were performed on tissue strips (n = 3-5) from two leaflets
in circumferential and radial direction.

Matrix analysis: collagen content and cross-links

After tensile testing, biochemical assays were performed on the valve leaflet tissue
strips and TE constructs to evaluate the corresponding tissue matrix composition.
The tissues were cut such that each valve leaflet strip comprised 4-6 samples, while
TE strips were completely used for biochemical analyses. Lyophilized tissue samples
were hydrolysed in 6 M HCl (Merck, Germany) and used for amino acid and cross-
link analyses. Hydroxyproline residues were measured on the acid hydrolysates by
reverse-phase high-performance liquid chromatography (RP-HPLC) after derivatisa-
tion with 9-fluorenylmethyl chloroformate (FMOC, Fluka, Switzerland) (Bank et al.,
1996). Collagen content was expressed as percentage relative to the specimens’ dry
tissue weight. The same hydrolysates were used to measure the number of the ma-
ture collagen cross-links hydroxylysyl pyridinoline (HP), which is the main type of
collagen cross-links present in cardiovascular tissue, by HPLC as described previously
(Robins et al., 1996; Bank et al., 1997). The number of HP cross-links was expressed
per collagen triple helix. Data from valve leaflet strips were averaged per valve leaflet.

Histology

Tissue samples were fixed in phosphate-buffered formalin (Fluka, USA) and embed-
ded in paraffin. Sections were cut at 5µm thickness and picrosirius red (PR) staining
was used in conjunction with polarized light microscopy to assess collagen fiber orga-
nization in native valves and TE constructs under static and dynamic conditions.
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2.2.3 Data analysis

Descriptive statistics (mean standard deviation) were performed for collagen content,
HP cross-links, and biomechanical properties (modulus, UTS, and εmax). Biomechani-
cal properties were compared between circumferential and radial direction of leaflets
strips, between statically and dynamically conditioned TE constructs, and between
native and engineered tissue using student t-tests. In native valves collagen content
and cross-link data were correlated to the biomechanical properties using Pearson’s
correlation analyses. In the two TE groups correlations between these variables, in-
corporating interaction effects between variables were investigated using a general
linear model (GLM). The correlation coefficient was represented by r. A p-value <
0.05 was considered significant. Statistical analysis was performed using SPSS 11.0
software (SPSS Inc., Chicago, USA).

2.3 Results

2.3.1 Biomechanical properties

Native human valves

In figure 2.2, typical stress-strain curves are displayed for tissue strips from the valve
leaflets in circumferential and radial direction. An overview of UTS, εmax and mod-
ulus for radial and circumferential direction is displayed in figure 3. The modulus
(15.6 ± 6.4 MPa) and UTS (2.6 ± 1.2 MPa) of the leaflets were higher (p < 0.005)
in circumferential direction compared to radial direction (modulus: 2.0 ± 1.5 MPa,
UTS: 0.42± 0.24 MPa), while εmax was lower (circumferential: 21.9±10.6 %, radial:
29.8 ± 13.9 %, p < 0.05).

TE constructs

The biomechanical properties of the TE constructs are shown in figure 2.3. The mod-
ulus of dynamically strained constructs (5.8 ± 1.1 MPa) was higher compared to
statically cultured constructs (3.0 ± 0.8 MPa, p < 0.005). No significant changes
were found in UTS (static: 0.73 ± 0.16 Mpa; dynamic: 0.99 ± 0.22 MPa, p = 0.07),
while constructs cultured under static conditions showed a higher εmax (32.3 ± 3.2
%) compared to dynamically loaded constructs (24.3 ± 6.4 %, p < 0.05).

2.3.2 Collagen content and cross-links

Native human valves

The amount of collagen per dry weight and the number of HP cross-links per triple
helix in the tested human heart valves were 0.47 ± 0.09 mg/mg dry weight and 0.52
± 0.06, respectively (figure 4).
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Figure 2.2: Stress-strain curves (solid lines) for human aortic valves in circumferen-
tial and radial direction. The dotted lines represent standard deviations
of the modulus. The valve leaflet is much stiffer and stronger in circum-
ferential compared with radial direction, indicating anisotropic mechani-
cal behavior.

TE constructs

No difference in the amount of collagen per dry tissue weight between statically and
dynamically loaded TE constructs was found (static: 0.09 ± 0.01 mg/mg dry weight;
dynamic: 0.09 ± 0.01 mg/mg dry weight, p = 0.46). Interestingly, the dynamically
loaded constructs contained significantly more HP cross-links per triple helix com-
pared to the statically cultured constructs (static: 0.14 ± 0.02, dynamic: 0.28 ± 0.06,
p < 0.005).

2.3.3 Native aortic valves versus engineered tissue

The modulus and UTS of statically as well as dynamically cultured constructs were
significantly lower (p < 0.005) , while εmax was higher in statically (p < 0.005),
but not different in dynamically cultured constructs (p = 0.24), compared to native
valve leaflets in circumferential direction. However, when comparing to native tissue
in radial direction, statically cultured constructs had higher UTS (p < 0.01) and no
significantly different modulus (p = 0.13) and εmax (p = 0.20). Dynamically cul-
tured constructs showed higher modulus and UTS (p < 0.005) and no significantly
different εmax (p = 0.30) compared to native leaflets in radial direction (figure 3).
Collagen content and cross-link concentration were significantly higher in native tis-
sue compared to TE constructs (static and dynamic, p < 0.005, figure 4).



24 Chapter 2

(a) (b)

(c)

Figure 2.3: Mechanical properties of native human aortic valve leaflets and TE con-
structs. Modulus (a), UTS (b) and max (c) of native valve leaflets
(circumferential and radial direction) and TE constructs (static and dy-
namic). In case of multiple comparisons, differences are compared to
values under the bold stripe (* p < 0.05; ** p < 0.01; *** p < 0.005).

2.3.4 Correlation between collagen content, cross-links, and biome-
chanics

Native human valves

In circumferential direction, a significant correlation was found between the modulus
and the corresponding values for HP cross-links per collagen triple helix (r = 0.58, p
< 0.005). No correlation between collagen content and modulus was observed (r =
0.05, p = 0.80), as shown in figure 5. In the radial direction, no significant correla-
tions between modulus and HP cross-links per triple helix, or between modulus and
collagen content were found (r = 0.12, p = 0.54 and r = 0.12, p = 0.54, respectively,
data not shown).
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(a) (b)

Figure 2.4: Collagen content and cross-links in native human aortic valve leaflets and
TE constructs (static and dynamic). In case of multiple comparisons, dif-
ferences are compared to values under the bold stripe (** p < 0.01;***p
< 0.005).

(a) (b)

Figure 2.5: Modulus and collagen data in circumferential direction of native valve
leaflets. Each marker represents the average (± SEM) of one valve (n =
4 strips). a) A significant positive linear correlation was present between
modulus and cross-links per triple helix (r = 0.58, p < 0.005). b) No cor-
relation was present between modulus and collagen content (r = 0.05, p
= 0.80).
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TE constructs

Statistical analysis of the two TE groups showed no significant correlation between
the amount of collagen and the modulus (r = 0.40, p = 0.25), as can be observed
in figure 6. However, the number of collagen cross-links per triple helix showed a
significant positive linear correlation with the modulus (r = 0.86, p < 0.005). This
correlation was independent of the mode of mechanical conditioning. A significant
negative linear correlation of cross-links with the strain at break was observed (r =
-0.88, p < 0.005).

(a) (b)

Figure 2.6: Statically and dynamically conditioned tissue engineered constructs. a)
A significant positive linear correlation was observed between modulus
and cross-links per triple helix. (r = 0.89, p < 0.005). b) No correlation
was found between modulus and collagen content. (r = 0.40, p = 0.25).

2.3.5 Histology

The tri-laminar structure of the native human valves was clearly visible in histology
(figure 2.7a-d), and an alignment of collagen fibers in the circumferential direction
could be observed in the fibrosa layer. In radial direction collagen bundles in the fi-
brosa appeared to be fragmented (figure 2.7d). Although picrosirius red stained sec-
tions of both TE groups appeared similar in transmitted light images (figure 2.7g,h),
dynamically conditioned tissue engineered constructs constructs showed more bright-
ness than statically conditioned engineered tissue (figure 2.7e,f).
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Figure 2.7: Sections of native heart valves in circumferential (a, c) and radial direction (b,
d) (original magnification 100x), and statically (e,g) and dynamically strained
(f,h) TE constructs (original magnification 40x). Picrosirius red stained colla-
gen red and was viewed under polarized (a, b, e, f) and transmitted light (c,
d, g, h). The tri-laminar structure in native heart valves is clearly visible in the
transmitted light images, and an alignment of collagen fibers in the circumfer-
ential direction can be clearly observed in the fibrosa layer (c). In radial direc-
tion collagen bundles in the fibrosa appeared to be fragmented (d), suggesting
an alignment perpendicular to the plane of sectioning. Although picrosirius red
stained sections of both TE groups appeared similar in transmitted light images
(g,h), dynamically conditioned tissue engineered constructs constructs showed
more brightness than statically conditioned engineered tissue (e,f), suggesting a
higher degree of orientation and maturation.
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2.4 Discussion

A thorough insight into the functional structure of the native aortic valve related to
biomechanics and matrix biology is crucial for progress in the field of heart valve
tissue engineering. As a first step, this study investigated the structure-function re-
lationship between collagen content, cross-links and biomechanical properties in hu-
man aortic heart valve leaflets and TE constructs.
Fresh native human valve leaflets were uniaxially tested in two directions, taking ac-
count of the natural anisotropy in the leaflets. The valve leaflets were much stiffer
and stronger in circumferential compared with radial direction, indicating anisotropic
mechanical behavior. Although uniaxial tensile tests have their limitations and do
not reflect the full biaxial mechanical behavior of the valve leaflet, this method does
suffice to investigate global differences in mechanical properties in the two perpen-
dicular directions, which is defined as anisotropic behavior. The biomechanical data
were consistent with values published in a recent study by Stradins et al. (2004),
and show a high diversity possibly related to the large biological variations in gross
fiber architecture observed among the mature heart valve leaflets (figure 2.1), due
to age and health status of human subjects. As expected, the diversity in TE con-
structs was smaller, which is essential for future control and optimization of construct
properties during culture protocols. Extensibility of the TE constructs was within the
same range as those of the native leaflets, while the modulus and UTS of dynamically
strained constructs were about one third of the leaflet properties in circumferential
direction.
Interestingly, data analysis of the native leaflets showed a significant correlation of
collagen cross-linking, but not the amount of collagen, with the tissue stiffness in
circumferential direction (figure 2.8). Collagen was correlated to this specific me-
chanical parameter, since this structural protein is the main load-bearing component
during the linear phase of the stress-strain curve. Similar findings were reported for
bone tissue (Banse et al., 2002), and in scar tissue of collateral ligaments (Frank
et al., 1995). Moreover, in patellar tendon the modulus was shown to be related to
the amount of insoluble (cross-linked) collagen, but not to the total collagen content
(Haut et al., 1992).
The natural anisotropy clearly plays a large role in the biomechanical behavior of the
valve leaflets, being more extensible and less stiff in radial compared to circumfer-
ential direction (figure 2.2). In radial direction, the leaflet strips failed between cir-
cumferentially running fibers. In this direction no correlation between modulus and
cross-links was observed between the modulus of elasticity and the amount of colla-
gen or cross-links. As the correlation between modulus and cross-links only holds for
the circumferential direction, it is likely that collagen cross-links act in conjunction
with collagen fiber orientation in providing tissue strength. The order of magnitude
in the radial stress strain curves lies within the range of elastin (Vesely, 1998). The
relative contribution of elastin to the mechanical behavior of a valve leaflet in radial
direction may be more prominent than in circumferential direction. A more detailed
correlation between other matrix components and mechanical properties would pro-
vide valuable information and will be subject of future investigations.
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Figure 2.8: Overview of modulus versus cross-links per triple helix for native tissue
and TE constructs. A positive linear trend can be observed.

In the TE experiments the modulus correlated well to the number of cross-links
and not to collagen content. These data confirm the proposed relevance of cross-link
stimulation to enhance tissue strength in engineered tissues (Elbjeirami et al., 2003;
Dahl et al., 2005). Previous studies have shown mechano-induced upregulation of col-
lagen in myofibroblasts (Kolpakov et al., 1995; Engelmayr et al., 2005). Interestingly,
Mol et al. (2006) showed that collagen production in engineered tissues stabilizes to
a steady state value, regardless the presence of dynamical straining. Affirming the
hypothesis on mechano-induced collagen upregulation, the culture period needed to
reach the steady state value did depend on strain application, and was shorter with
dynamic straining. In short, collagen production rate is higher in dynamically condi-
tioned TE valves, so the steady state value is reached earlier, but the eventual steady
state value is not different from unstrained tissues. After reaching the steady state
value of collagen, tissue matures further and collagen cross-links contribute increas-
ingly more to tissue strength. Interestingly, this process is also enhanced by mecha-
nical stimulation. We hypothesize that in the initial phase of culturing TE constructs,
collagen and other ECM components are produced by cells to provide biomechanical
support at an early stage. In this phase the amount of collagen increases linearly
with the modulus. Hereafter, tissue maturation will play part; collagen cross-links
are formed and cross-link concentration will dominate biomechanical behavior rather
than the amount of collagen.
Formation of enzymatic collagen cross-links can be manipulated biochemically in tis-
sue engineering. Elbjeirami et al. showed that transfection of cells by lysyl oxidase
(a collagen cross-link enzyme involved in the formation of enzymatic/natural cross-
links) increased the number of cross-links and improved mechanical properties of tis-
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sue engineered constructs (Elbjeirami et al., 2003). Beekman et al. (1997) inhibited
formation of crosslinks by beta-aminopropionitrile (an inhibitor of enzymatic cross-
link), resulting in less cross-links and decreased tissue stiffness. Previously published
data showed that dynamic loading of tissue engineered constructs resulted in higher
modulus (Mol et al., 2003). It was suggested that dynamic straining might further en-
hance tissue organization, based on the qualitative observations by histology. Indeed
our experiments show that dynamic straining increases the number of cross-links in
TE constructs. Further experiments in our lab should elucidate the effect of other
factors in the culturing protocol on cross-link formation, such as time, straining fre-
quency and magnitude.
Histological examination showed highly aligned collagen fibers in the fibrosa layer
of the aortic valve in circumferential direction. Due to the unstretched configuration
during fixation collagen fibers were crimped and formed a wavy pattern. In radial
direction cross-sections of collagen bundles were visible in the fibrosa layer, suggest-
ing an alignment perpendicular to the plane of sectioning (figure 8a-d). Histological
comparison between native and engineered tissue revealed interesting differences.
Picrosirius red staining of tissue engineered constructs showed homogeneous tissue
formation after 4 weeks in both groups, in contrast to the three layered structure that
was observed in native tissue. Furthermore, the degree of orientation and matura-
tion of the collagen network, which is represented by brightness in the polarized light
image, was much lower in TE constructs compared to native tissue. Corresponding
to higher amounts of cross-links and thus maturation, dynamically conditioned con-
structs were brighter than their static counterparts, suggesting that dynamic straining
induces more alignment and maturation in the tissue. Interestingly, in prenatal de-
velopment aortic valves initially show a homogeneous matrix distribution, mainly
consisting of proteoglycans. Not until after birth a three layered structure in the valve
gradually develops, together with collagen fiber alignment and maturation 28. This
in-time development of the aortic valve raises the question to what extent TE valves
need to resemble an adult native valve structure, as in-vivo remodeling will likely
occur upon implantation (Hoerstrup et al., 2000).
An outlook on the tissue engineering pathway towards functional, ’native’-approaching
tissue is depicted in figure 2.8. Indeed, the number of cross-links as well as the
amount of collagen in tissue engineered constructs are both still lower than that in
native tissue. However, the results in this paper show that merely increased colla-
gen contents will not improve biomechanical properties in engineered tissues, while
higher cross-link concentration does. Furthermore, figure 2.8 reveals a directive role
of collagen cross-links, rather than collagen content, in the biomechanical develop-
ment of TE constructs towards native tissue. In conclusion, the data presented here
demonstrate the importance of collagen cross-links in biomechanical tissue proper-
ties of native heart valve leaflets as well as of tissue engineered constructs. This
correlation emphasizes the necessity to consider the total collagen architecture as a
whole, including amount of collagen, cross-link concentration and fiber orientation,
as a focus for increasing strength in engineered tissues.
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3.1 Introduction

The development of the extracellular matrix (ECM) in biological tissues is known to
depend on the cellular and tissue microenvironment and biomechanical conditions.
The ECM in heart valves is subjected to considerable mechanical loads during the
cardiac cycle. During tissue growth and remodeling this applied load is a determin-
ing factor in the development of a functional tissue matrix structure. Heart valve
leaflets are composed of three distinct layers, each with their own unique function.
The biomechanical behavior of the aortic valve as a whole depends on the contri-
bution, composition, and interaction of these layers. The aorta-facing fibrosa layer,
composed predominantly of a dense network of collagen fibers, is largely responsible
for bearing and distributing stresses over the leaflets during maximum loading (the
end-diastolic phase) of the cardiac cycle (Sacks et al., 1997; Driessen et al., 2003b).
The glycosaminoglycan-rich spongiosa layer is assumed to function as a shock ab-
sorber and allows shear between the ventricularis and the fibrosa (Schoen, 1997).
The ventricularis layer, consisting mainly of elastin fibers, supports the recoil of the
leaflet to its crimped initial state after diastolic loading. This three-layered structure
assures low flexural rigidity, necessary to allow normal valve opening, and high tensile
strength required to resist transvalvular pressures (Sacks et al., 1998). A macroscopic
view of the valve leaflet shows an anisotropic collagen structure. A highly aligned
circumferential collagen fiber orientation is present at the free edge of the leaflets,
while a more hammock-like structure is seen in the belly. This complex fiber archi-
tecture allows higher tissue compliance in radial direction than in circumferential
direction (Schoen, 1997). The specialized collagen organization functions effectively
in transferring stresses to the aortic wall. Apart from the macroscopic fiber struc-
ture, the type of collagen, the amount and type of inter- and intramolecular covalent
cross-links, and the collagen fibril morphology also determine the tissue’s mechanical
behavior (Parry et al., 1978; Beekman et al., 1997; Avery and Bailey, 2005; Balguid
et al., 2007). Collagen fibrils, with diameters ranging from 16 to 500 nm, are the
building blocks of collagen fibers. Their diameter, density and orientation are asso-
ciated with the tissues requirement for tensile strength and elasticity (Parry et al.,
1978).
The objective of this study was to investigate the relation between the magnitude
of local stress in human aortic valves, and the collagen ultrastructure, interpreted
here as the collagen fibril diameter distribution and the fibril density. It is hypothe-
sized that increased tissue stress is related to larger diameters of collagen fibrils and
a broader range of fibril diameters (Parry, 1988; Bailey et al., 1998). As the stress
distribution in the heart valve leaflet is inhomogeneous, variations in local collagen
fibril morphology may be expected.
To investigate this, the collagen ultrastructure was investigated at three representative
locations in human aortic valve leaflets with transmission electron microscopy (TEM).
Subsequently, a previously developed computational model of the human aortic valve
was used to predict the maximum tensile stresses at these locations during diastole
(Driessen et al., 2005b). The relation between the collagen ultrastructure and applied
stress may provide a better understanding of the mechanical function of collagen fib-
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rils in heart valve leaflets. Moreover, it may promote further advances in the field of
heart valve tissue engineering, where optimization of the collagen ultrastructure is
essential for the creation of functional, load bearing valve replacements.

3.2 Materials and methods

3.2.1 Tissue preparation

To assess the collagen ultrastructure in valve leaflets, seven healthy human donor
aortic valves (4 female, 3 male, age 47.7 ± 12.0) were obtained from the Rotterdam
Heart Valve Bank at the Erasmus University Medical Center, Rotterdam, The Nether-
lands. Prior to donation, the donors or their relatives consented with experimental
use of the cardiovascular tissue following explantation. Upon dissection, tissue sam-
ples were taken from three locations: the commissures, the belly and the fixed edge
of one leaflet of each valve (figure 3.1(a)). In previous work these three locations
were shown to have the most pronounced differences in stress value (Driessen et al.,
2005b). The valve samples were fixed in 3 % glutaraldehyde buffered to pH 7.4 with
potassium phosphate. After washing in the same buffer supplemented with 7.5 %
sucrose the samples were postfixed in 2 % osmium tetroxide in veronal acetate buffer
(pH 7.4), rinsed in veronal buffer containing 7 % sucrose and impregnated with 1 %
uranyl acetate in veronal buffer (pH 5.2). After a short rinse in the same buffer at
pH 5.2 the samples were then dehydrated in a graded ethanol series and routinely
embedded in Epon (LADD Research Industries Inc.). Semithin sections (2 µm) were
prepared and stained with toluidine blue. Ultrathin sections were stained with uranyl
acetate and lead citrate before examination in a Philips CM100 electron microscope.

3.2.2 Collagen fibril diameter measurement

A region of interest within the fibrosa layer of the toluidine blue stained sections,
was selected for further EM analysis. Subsequently, transmission electron microscop-
ical images of collagen fibril bundles in the fibrosa layer were obtained from each
tissue cross-section at a fixed magnification of 21.500x. The resolution of the im-
ages was The faces of the sections were perpendicular to the main fiber direction and
areas of collagen fibril cross-sections were identified. Fibrils were identified using
a contrast-based edge recognition algorithm in Matlab (The MathWorks Inc., USA).
The algorithm fitted ellipses on the fibril contours, and the shortest principal axis was
measured to assess the fibril diameter. Considering the cylindrical shape of the fibril
cross-sections, fitting ellipses rather than circles on the fibrils accounted for the three
dimensional orientation of the fibril with respect to the cutting plane, and prevented
an overestimation of the fiber diameter. The fibril density was calculated as the num-
ber of fibrils per unit area. For each leaflet 4 TEM images of collagen fibril bundles
were taken at each location. Per location 28 images (7 leaflets) were analyzed in
total.
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(a) (b)

Figure 3.1: a) Anisotropic matrix structure of an aortic valve leaflet. Location 1 rep-
resents the commissures. Location 2 is the belly of the leaflet, and 3
represents the fixed edge. The white bar corresponds to 1 cm. b) Finite
element mesh of the stented valve geometry, adapted from Driessen et al.
(2005b).

3.2.3 Computational simulations

To test the hypothesis of stress related collagen ultrastructure, a structurally based
constitutive model for collagenous cardiovascular tissues (Driessen et al., 2005b,a)
was applied to describe the mechanical behavior of the human leaflets. Finite el-
ement analyses (FEA), using the mesh shown in figure 3.1(b), were performed to
simulate the local mechanical response of the valve leaflets to a transvalvular aortic
pressure load of 12 kPa. Uniaxial tensile tests and geometric properties previously
obtained by Balguid et al. (2007) were used to identify the anisotropic mechanical
properties of the human valve leaflets in two orthogonal orientations, the circumfer-
ential and radial direction. A detailed description of the computational simulations
was described previously (Driessen et al., 2007), and is briefly presented below.

3.2.4 Constitutive equations

The aortic valve leaflets were modeled as incompressible fiber-reinforced tissues (Holz-
apfel et al., 2000; Driessen et al., 2005b), as described previously (Driessen et al.,
2007). The total Cauchy stress σ consists of the hydrostatic pressure p and the extra
stress τ :

σ = −pI + τ (3.1)

The extra stress is split into an isotropic matrix part and an anisotropic fiber part, in
which a fiber volume fraction (φf ) is incorporated, and is written as (Driessen et al.,
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2005b):

τ = τ̂ +
Nf∑

i=1

φ i
f (ψ i

f − ~e i
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f )~e i
f ~e i

f (3.2)

where τ̂ represents the matrix stress and Nf denotes the number of fiber directions.
ψf is the fiber stress, which acts only in the direction of the fiber ~ef . The isotropic
matrix stress is modeled as a Neo-Hookean material with a shear modulus G. The
constitutive behavior of the fibers is described with an exponential relationship be-
tween the fiber stress ψf and the fiber stretch λf :

ψf = k1λ
2
f

[
ek2(λ

2
f−1) − 1

]
(3.3)

where k1 and k2 are stress-like and dimensionless parameters, respectively, and it is
assumed that the fibers cannot withstand compressive forces (ψf = 0 for λf < 1).
The fiber stretch is defined as the ratio of lengths in the deformed and undeformed
configuration (i.e., l/l0). The relationship between the fiber direction in the deformed
(~ef ) and undeformed configuration (~ef0) is given by:

λf~ef = F · ~ef0 (3.4)

with F the deformation gradient tensor. In order to incorporate the angular distribu-
tion of fibers in the plane of the leaflet, ~ef0 is defined in a coordinate system spanned
by the vectors ~v1 and ~v2:

~ef0 = cos (γ)~v1 + sin (γ)~v2 (3.5)

where the angle γ is defined with respect to ~v1. To specify the relative amount of
fibers in each direction, a (discretized) Gaussian distribution function is used for the
fiber contents:

φf = A exp
[−(γ − µ)2

2σ2

]
(3.6)

with µ and σ the mean value and standard deviation of the distribution function,
respectively. The scaling factor A is introduced to ensure that the total fiber volume
fraction equals φtot.

3.2.5 Parameter estimation

The directions ~v1 and ~v2 are chosen to coincide with the circumferential and radial
direction, respectively. Based on values in literature for native heart valves (Bashey
et al., 1967; Li et al., 2001; Balguid et al., 2007), the total fiber volume fraction φtot

is set to 0.5. To further reduce the number of material parameters, a fixed value for
the shear modulus of the matrix material G of 50 kPa is chosen. The averaged results
of independent uniaxial tensile tests in the circumferential and radial directions were
fit simultaneously to estimate the remaining material parameters (k1, k2 and σ), as
described previously (Driessen et al., 2007).
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3.2.6 Geometry and boundary conditions

The finite element mesh of the initial, stress-free, closed configuration of the leaflets
is shown in figure 3.1(b) (de Hart et al., 2003). The radius of the stented valve geom-
etry is 12 mm and the thickness of the leaflets (t) was measured with a micrometer
(Mitutoyo, USA). By symmetry, only one half of a leaflet is modeled and normal dis-
placements are suppressed at the symmetry edge. At the fixed edge all displacements
are suppressed and a contact surface is defined at the free edge to model contact
between the leaflets (i.e., coaptation). Subsequently, a transvalvular pressure (ptv)
of 12 kPa, representative for the aortic valve, is applied to the top surface to induce
deformations. The directions ~v1 and ~v2 are calculated from the principal stretch di-
rections in an isotropic leaflet (Driessen et al., 2003a, 2005b).

3.2.7 Data analysis

Statistical analysis was performed using SPSS 13.0 software (SPSS, USA). Per image
the fibril diameter, its distribution, and the fibril density were assessed. For each
location these parameters were averaged and expressed as mean ± standard error of
the mean (s.e.m.). The variation in fibril diameter was represented by the width at
half peak height of the fibril diameter distribution histogram. This was defined as two
times the standard deviation of the fibril diameter in the image. Differences between
the locations were analyzed using univariate Analysis of Variance (ANOVA), followed
by Bonferroni’s multiple comparison test, with valve and location as independent and
dependent variables, respectively. A p-value < 0.05 was considered significant.

3.3 Results

3.3.1 The collagen ultrastructure

Representative images of collagen fibrils at the three locations are shown in figure
3.2. The mean collagen fibril diameter and fibril density were significantly different
among all three locations (p < 0.05, figure 3.3(a)). The smallest fibril diameters
were observed at the fixed edge of the leaflet (33.8 ± 0.9 nm), larger fibrils were
found in the belly of the leaflets (38.7 ± 1.2 nm) and the largest fibrils were observed
at the commissures (41.6 ± 1.3 nm). Interestingly, the fibril densities at the three
locations were inversely related to the fibril diameters, with lowest fibril densities in
the commissures (256 ± 14 µm−2), followed by the belly of the leaflet (303 ± 14
µm−2), and highest at the fixed edge (352 ± 19 µm−2) (figure 3.3(b)).

The fibril diameter distribution was analyzed by comparing the width at half peak
height, as measured per location, and averaged over all valves (figure 5.5). The re-
sults showed that in the commissures (11.3 ± 0.70 nm) and belly (10.6 ± 0.34 nm)
a significantly larger variation in fibril diameter was observed compared to the fixed
edge (8.84 ± 0.33 nm, p < 0.01).
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(a) Commissures (b) Belly (c) Fixed edge of leaflet

Figure 3.2: Collagen fibril bundles at three locations of the heart valve. From left
to right: the commissures (a), the belly (b) and the fixed edge of the
leaflet (c). The collagen fibrils in the fixed edge of the leaflet appear
more uniform in size compared with the commissures and belly region.
The bars indicate 200nm.

(a) (b)

Figure 3.3: a) Collagen fibril diameter (± s.e.m.) and b) Fibril density (± s.e.m.)
measured at three locations of the valve leaflet, the commissures, belly
and fixed edge (* p < 0.05).
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Figure 3.4: Illustrative histograms of collagen fibril diameter at the commissures,
belly and fixed edge for one leaflet. The width at half peak height was
significantly larger in the commissures and belly, compared with the fixed
edge. This corresponds with a higher uniformity in fibril diameter at the
fixed edge.

3.3.2 Constitutive model and experimental data

The first step in predicting the stress distribution in a human valve was a fit of the
constitutive model to the experimental data. The fitted stress-stretch curves of the
model corresponded quite well with the averaged experimental stress-stretch curves
of human aortic valve leaflets (figure 3.5(a)), both in circumferential and in radial
direction. The mechanical response of the native human aortic valve leaflets were
obtained with the following parameters: t = 0.46 mm, G = 50 kPa, k1 = 1877 kPa,
k2 = 4.25 and σ = 36.4o (Billiar and Sacks, 2000b; Driessen et al., 2005b). The
estimated parameters were used as material properties to subsequently predict the
stress distribution in the aortic valve mesh.

3.3.3 Computational simulations

To link the collagen ultrastructure to local stress predictions during maximum load,
the stress distribution in the human valve leaflet was simulated with FEA. An inho-
mogeneous stress distribution over the valve leaflets was observed during maximum
loading, the end-diastolic phase of the cardiac cycle (figure 3.5(b)). The highest
stresses were observed at the commissures (550-600 kPa), in the belly of the leaflet
slightly lower stresses were found (400-500 kPa), and low stresses were seen at the
fixed edge (0-50 kPa) of the valve leaflet. Correlating these data to the collagen
ultrastructure showed that higher stress levels are associated with increased fibril di-
ameter and decreased fibril density. Furthermore, collagen fibrils in tissue sustaining
low stresses (fixed edge) have thinner and more uniform fibril diameters compared
with high stress locations.
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(a) (b)

Figure 3.5: a) Constitutive model fit to averaged experimental data. Both in circum-
ferential and in radial direction the model predicted the stress-stretch
curve reasonably well. b) Stress map [kPa] of aortic leaflet during end-
diastole. Highest stresses were observed in the commissure (550-600
kPa), slightly lower stresses were seen in the belly (400-500 kPa) and
relatively low stresses (0-150 kPa) at the fixed edge.

3.4 Discussion

The objective of this study was to investigate the relation between the local collagen
ultrastructure and the level of local stress in human aortic valve leaflets. In summary,
higher local stresses in valve leaflets, as predicted by the model, corresponded with
larger average fibril diameter, lower fibril density and wider fibril size distribution
compared with low stress locations in the leaflets. Although fibril diameters and den-
sities were variable at the different locations, the area percentage of collagen in a
cross-section was approximately equal in all locations. The data presented here in-
deed suggested that applied stress does affect the collagen fibril morphology. A better
understanding of the impact of mechanical loading on the collagen ultrastructure is
relevant for heart valve tissue engineering, where optimization of the collagen archi-
tecture is essential for clinical applications.
Several factors that were involved in the model (e.g. large biological variation be-
tween valves, the use of a stented mesh geometry) may account for a possible in-
accurate representation of absolute stress values for individual valves. However, the
relative differences within the leaflet are of specific interest in this study. As the model
succeeded in simulating the complex nonlinear and anisotropic behavior of the aortic
valve, the predicted stress distribution pattern across the leaflets can be considered
similar for all the valves (Driessen et al., 2005b). The fiber content in the model was
homogeneously distributed over the leaflet. As the collagen cross-sectional area did
not differ over the locations, this assumption seems valid.
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Figure 3.6: Both the applied load and the tissue mechanical properties are related to
collagen fibril morphology.

Mechanical behavior of tissue is related to the collagen fibril morphology, which, in
turn depends on the mechanical loading conditions of the tissue. In literature, sev-
eral studies in different species and tissue types were performed to investigate the
interaction between mechanics and collagen fibril morphology, resulting in different
observations and proposed mechanisms relating collagen fibril size and density to
biomechanics. Most of these studies can be categorized in two groups (figure 3.6);
those investigating the relation between the collagen ultrastructure and the applied
mechanical loading (Diamant et al., 1972; Torp et al., 1975; Enwemeka et al., 1992;
Sanders and Goldstein, 2001), and studies relating the ultrastructure to the tissues’
mechanical behavior (Parry et al., 1978; Liao and Vesely, 2003).

The findings here are consistent with observations in skin subjected to repetitive
compressive and shear stresses (Sanders and Goldstein, 2001). Stressed skin showed
larger fibril diameters, lower fibril densities, and a less unimodal distribution of fibril
diameters when compared to unstressed control samples. Similar findings were re-
ported in an exercise study in rat hindlimb tendons (Enwemeka et al., 1992), where
the collagen fibril diameter increased by 32% after 10 weeks of physical training, com-
pared with an untreated control group. Mechanical stimulation is known to induce
collagen remodeling (Boerboom, 2007), which may be associated with fibril thicken-
ing and formation of new fibrils, causing a wider diameter distribution. Diamant et al.
(1972) performed mechanical tests on tail tendon of rats between the age of 2 weeks
up to 29 months. With age larger collagen fibril diameters were observed, associated
with an increased modulus of elasticity.
However, various studies investigating the relation between mechanics and collagen
ultrastructure, do not support the reasoning above. Michna and Hartmann (1989)
performed a 10-week exercise study investigating collagen fibrils in mice tendon. An
initial increase in fibril diameter compared with an untreated control was observed
after one week, but there was no difference between the groups after 10 weeks. Liao
and Vesely (2003) studied the mechanical properties in porcine chordae tendineae
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in relation with collagen fibril morphology. Higher tensile moduli were reported in
chordae with smaller fibril diameters. It was postulated that thinner fibrils have more
fibril-to-fibril interaction possibilities due to a larger ratio of fibril surface and cross-
section, hence explaining their higher moduli.
The differences between these observations can be related to several factors, such as
tissue type, species, age, loading conditions and/or training protocol. The efficiency
of mechanical reinforcement of collagen fibrils and the ability of the tissue to sustain
an applied load is dependent on e.g. the fibril orientation. This can vary markedly
between tissues, e.g. unidirectional in tendon, laminated in cornea, random in skin
(Bailey et al., 1998). In heart valve leaflets the fibril orientation differs over the leaflet
(figure 3.1(a)). Based on the findings in this study, one might expect that the fibril
orientation varies locally within the fibrosa layer, due to inhomogeneous mechanical
demands across the leaflet. Other factors that may influence the mechanical behavior
of collagenous tissues are the types of collagen present and the waviness of the col-
lagen fibrils (Baer et al., 1975). Evidence from immunoelectron microscopy and bio-
chemical studies suggests that collagen fibrils consist of several collagen types. During
tissue development the structural composition and ratio of collagen types in collagen
fibrils changes, causing changing fibril diameters (Kadler et al., 1996). Unfortunately,
how this is related with the mechanical properties of a tissue is still unclear. An ex-
tended study of the composition of the fibrils (e.g. collagen types) will be topic of
further research.
In an extensive review Bailey et al. (1998) stated that the ability to withstand high
stress levels is related to the proportion of large diameter fibrils. The reasoning be-
hind this statement is the following: when tissue contains large diameter fibrils, the
percentage of lateral intrafibrillar covalent cross-links is higher than that in small di-
ameter fibrils. Previous work indeed showed a linear correlation between the number
of collagen cross-link and the modulus of human aortic valve leaflets (Balguid et al.,
2007), thus supporting Baileys arguments. Since covalent cross-links cannot be made
between different fibrils, the tensile strength of a fibril is predicted to increase with
diameter. Therefore, large diameter fibrils may be predominantly found in tissues
sustaining high tensile loading, while small diameter fibrils are likely found in tissue
subject to low stresses (Parry, 1988). In light of this it could be speculated that lo-
cations in the valve leaflet sustaining higher mechanical loading comprise stronger
tissue than under low stress. This has not been verified through mechanical testing
yet. Cox et al. (2006) recently developed an indentation test method to locally de-
termine mechanical properties of a tissue. This would be an elegant method to verify
this statement and would give valuable insight in the mutual interactions between
collagen architecture, applied load, and mechanical behavior (figure 3.6).
The presented data confirm the hypothesis that higher local stresses, i.e. due to ap-
plied loading, are associated with larger collagen fibrils. This structure-function re-
lation may be used for further development of the collagen contribution in the com-
putational aortic valve model. In addition, an important focus in the field of heart
valve tissue engineering is optimization of the collagen architecture to ensure long
term functioning. The findings here give a better insight into the impact of mecha-
nical loading on the collagen ultrastructure, and may be valuable to improve loading
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4.1 Introduction

Scaffold design in tissue engineering (TE) plays an important role in modulating tis-
sue growth and development. Various scaffold fabrication techniques, including rapid
prototyping, solvent casting, salt leaching and electrospinning, are used to construct
a broad range of scaffold geometries. Using electrospinning, highly porous, non-
woven, three-dimensional fiber structures can be made, of which the fiber diameter
can range from nano- to microscale (Yoshimoto et al., 2003; Subbiah et al., 2005;
Li et al., 2006). The basis of this technique is to produce thin fibers by electrically
charging a polymer solution flowing through a needle (Reneker and Chun, 1996).
The geometry of the collector determines the gross shape of the fiber mesh, this can
be adapted to suit its purpose, e.g. a blood vessel or heart valve geometry (Vaz et al.,
2005; van Lieshout et al., 2006). The morphology of fibers can be controlled with
various parameters in the electrospinning process, such as solution properties (e.g.
viscosity, conductivity, polymer molecular weight), controlled variables (e.g. flow
rate, electric field strength), and ambient parameters (e.g. temperature, humidity)
(Pham et al., 2006a).
One advantage of electrospun scaffolds is that their fiber structure, particularly when
in nanoscale, is associated with high surface-to-volume ratios, providing a large area
for cell attachment. Furthermore, the physical form of the nanofibrillar matrices pro-
vides high porosity and high spatial interconnectivity. The use of nanofibrous struc-
tures was postulated to bear a close resemblance to the dimensions of natural extra-
cellular matrix (ECM) (Li et al., 2002). Though this resemblance may apply to the
fiber thickness and the porosity of the nanofibrous scaffold, the spatial characteristics
of ECM are not attained (Li et al., 2002; Pham et al., 2006b). In fact, the pore size
of the scaffold reduces with decreasing fiber diameter and can be as small as 100nm
(Kwon et al., 2005). Such small pore sizes may interfere with cellular infiltration in
the scaffold, thus undoing the advantages of nanofibrous scaffolds for use in TE. How-
ever, this feature may be beneficial when the nanofiber mesh is used as a membrane,
separating cell types, yet allowing communication through interconnected pores (Zhu
et al., 2007).
Microfiber scaffolds, on the other hand, consist of a more spatious, coarser geometry
with fiber diameters up to 10µm and corresponding pore sizes of up to 45µm (Pham
et al., 2006b). Although the geometry of a microfiber scaffold appears more suitable
for TE purposes with regard to cell ingrowth, the majority of electrospinning research
has focused on nanofibers. Pham et al. (2006b) demonstrated the reproducibility
and uniformity of electrospun poly-ε-caprolactone (PCL) microfiber scaffolds with
fiber diameters ranging from 2 up to 10µm. Subsequently, they constructed a bilay-
ered electrospun structure of a 5µm scaffold with a nanofiber top layer, to evaluate
the combined potential of both scaffold geometries. Rat marrow stromal cells could
succesfully infiltrate the structure (Pham et al., 2006b). van Lieshout et al. (2006)
compared a large pore-sized knitted PCL scaffold with an electrospun PCL scaffold.
Although human myofibroblast cells penetrated easily in the knitted scaffold, retain-
ing the cells within the scaffold matrix was a problem due to the excessively large
pores (+200 µm). Oppositely, in the electrospun scaffold, cell ingrowth was limited,
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despite its microscale fiber diameter. To ensure successful use of electrospun scaf-
folds, the advantage of a high surface-to-volume ratio, as well as a sufficient pore
size should be maintained. Therefore, the ideal scaffold environment for cells should
be a cell-specific trade-off between complete cell ingrowth and minimal pore size.
Clearly, the potential of electrospun scaffolds for TE depends on cell type, and more
importantly, on cell size. In this study human myofibroblasts of approximately 10µm
in diameter were used. The minimal pore size should hence have at least similar di-
mensions.
The objective of this study was to investigate the optimal fiber diameter of electrospun
PCL scaffolds for human myofibroblasts. This was determined by comparing cell pen-
etration in 5 different scaffold groups. Electrospun PCL scaffolds with fiber diameters
ranging from 3.4 to 12.1µm were evaluated for their potential in cardiovascular TE.
Subsequently, the scaffold that complied with the requirements of complete cell pene-
tration, was used in a 4 week TE experiment, using a porous non-woven fiber mesh of
poly-glycolic acid coated with poly-4-hydroxybutyrate (PGA-P4HB) as reference scaf-
fold. This scaffold has been successfully used in cardiovascular TE (Hoerstrup et al.,
2000; Mol et al., 2006). Both scaffold materials are FDA approved (Li et al., 2006).
Tissue formation was analyzed in PCL scaffolds seeded with human myofibroblasts
after 4 weeks of culture.

4.2 Materials and methods

4.2.1 Materials

Chemicals were obtained from Sigma-Aldrich (Zwijndrecht, Netherlands) unless oth-
erwise stated. PCL (Mn 8×104) was dissolved at 13.7 and 17.5 w/v% in chloro-
form (99.9% HPLC grade). Non-woven PGA meshes (Cellon, Luxembourg) were dip-
coated in a solution of P4HB (Mn 1×106; TEPHA Inc., USA) in tetrahydrofuran, as
described previously (Mol, 2005).

4.2.2 PCL electrospinning

The custom-built electrospinning set-up existed of a high voltage power supply, an
infusion pump (Kd Scientific, USA), a 10 ml plastic syringe (Terumo, Belgium), a
stainless steel blunt needle (inner diameter 0.6 mm) and a stagnant grounded collec-
tor. The syringe was horizontally fixed in the infusion pump. The polymer solution
was led through a plastic tube to the needle, which was vertically fixed 15 cm above
the collector. The polymer solution was electrostatically drawn from the tip of the
needle by high voltage between the needle and the collector. Five sheet-like scaffolds
(group A to E) with increasing fiber diameters were produced by varying the spinning
parameters: flow rate (Q), the applied voltage (V) and the concentration of the poly-
mer solution (table 4.1). The thickness of all electrospun sheets was approximately 1
mm.
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Group QPCL [µL/min] V [kV] Concentration [w/v%] Fiber diameter [µm]

A 8 20 13.7 3.40 ± 0.29
B 12 15 13,7 4.97 ± 0.29
C 20 15 13.7 6.73 ± 0.56
D 35 15 13.7 8.71 ± 0.57
E 60 15 17.5 12.09 ± 1.21

Table 4.1: Parameters for electrospinning PCL scaffolds and the resulting fiber diam-
eters. QPCL: the flow of the PCL solution through the needle, V: the volt-
age difference over the needle and the collector, concentration: polymer
weight/volume percentage in solution.

4.2.3 Measurement of fiber diameters

Recent work by Eichhorn and Sampson (2005) elegantly described a theoretical model
of the fibrous network structure produced by electrospinning. The model demon-
strated the mutual dependence of fiber width and mean pore radius, more specifically,
a direct relation between fiber diameter and pore size. Based on this relation, fiber
diameter can be interpreted as a reliable predictor of pore size, which is difficult to
accurately measure in thin sheets of electrospun scaffolds. The fiber diameters of the
electrospun scaffolds were imaged with ESEM (Philips XL30 ESEM-FEG), and fiber
diameter was assessed on 5 samples per group, 10 measurements per sample. Quan-
titative image analysis of fiber diameters were performed in MATLAB (The MathWorks
Inc., USA).

4.2.4 Culture of human venous myofibroblasts

Myofibroblast cells, harvested from the human vena saphena magna and expanded
using regular cell culture methods, were used as described previously (Schnell et al.,
2001). As culture medium DMEM advanced (Gibco, USA) supplemented with 10% fe-
tal bovine serum (Biochrom, Germany), 1% glutamax (Gibco), and 0.1% gentamycin
(Biochrom) was used. Every 3-4 days the medium was replaced and cultures were
maintained in a humidified incubator at 37◦C with 5% CO2.

4.2.5 Cell seeding and tissue culture

Cells of passage 7 were enzymatically detached by adding trypsin-EDTA (Cambrex,
USA) to the monolayer cultures. After a centrifuging step, the cells were resuspended
in a fibrin gel, serving as cell carrier (Mol et al., 2005a), and evenly distributed over
rectangular scaffold strips (5×35×1mm). The cell-seeded scaffolds will be further
referred to as TE constructs. In the first study, cell ingrowth was investigated in the
electrospun PCL scaffolds with increasing fiber diameter after 3 days of culture (n
= 4 per group). In the second study, tissue development was investigated in PCL
constructs and compared with PGA-P4HB constructs after 4 weeks of culture (n = 6
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per group). PCL group E was chosen based on the results of the cell infiltration ex-
periment. Electrospun PCL scaffolds without cells served as controls. To create static
strain conditions, which has shown to be beneficial for tissue development (Mol et al.,
2006), the scaffolds were attached at the ends, using a polyurethane-tetrahydrofuran
glue (20 w/v%). The medium for tissue culture was supplemented with extra gen-
tamycin (0.3%) and L-ascorbic acid 2-phosphate (0.25 mg/ml) to promote extracel-
lular matrix production.

4.2.6 Quantification of cell ingrowth

The TE constructs were fixed in 3.7% formaldehyde (Merck, Germany) after 3 days of
culture and embedded in Technovit 7100 (Heraeus Kulzer, Germany). 5 µm sections
were cut and cells were fluorescently stained with 4’-6-Diamidino-2-phenylindole
(DAPI). In each scaffold group, 12 fluorescence and corresponding light microscopy
images (to distinguish the edges of the scaffold) were acquired with a Nikon TE300
fluorescence camera. Cell ingrowth in the scaffold was analyzed in three layers of
equal size: the seeding side, middle and bottom layer. The layers were divided af-
ter selecting the total cross-sectional area in the light microscopy images. Cells were
counted in each layer and expressed as a percentage of the total number of cells in
the image, using image analysis in MATLAB.

4.2.7 Mechanical properties of TE constructs

After 4 weeks of culture the mechanical properties of the TE constructs and the un-
seeded scaffold material were measured using a uniaxial tensile tester equipped with
a 20-N load cell (Kammrath & Weiss, Germany). The dimensions of the rectangu-
lar shaped constructs were measured with an optical imaging profiler (SensoFar PLµ
2300, Sensofar-Tech, Spain) and each sample was tested at a speed of the initial
length (l0) per minute. The Young’s modulus, defined as the slope at the linear part
of the curve, and Cauchy stresses at fixed strain values (5, 10, and 15% strain) were
assessed from the stress-strain curves. This way of presenting the data was preferred
over presenting the strain at break as the rupture mode was different among the
groups.

4.2.8 Quantitative tissue analysis

After tensile testing, biochemical assays were performed on the TE constructs to eval-
uate the ECM composition. For DNA and glycosaminoglycan (GAG) analyses, lyophil-
ized tissue samples were digested in papain solution (phosphate buffer, L-cysteine,
ethylenediaminetetraacetic acid (EDTA), and papain) at 60◦C for 16 hours. The DNA
content was determined using the Hoechst dye method (Cesarone et al., 1979) and
a standard curve from calf thymus DNA. The GAG content was determined using a
modification of the assay described by Farndale et al. (1986) and a standard curve
from chondroitin sulfate from shark cartilage. For collagen analysis, the digested
samples were hydrolysed in 6 M HCl (Merck, Germany). Hydroxyproline (Hyp)
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residues were measured on the acid hydrolysates by reverse-phase high-performance
liquid chromatography (RP-HPLC) after derivatisation with 9-fluorenylmethyl chlo-
roformate (FMOC, Fluka, Switzerland) (Bank et al., 1996). The same hydrolysates
were used to measure the number of the mature collagen cross-links hydroxylysyl
pyridinoline (HP) by HPLC as described previously (Bank et al., 1997; Robins et al.,
1996). HP is the main type of collagen cross-links present in cardiovascular tissue.
The number of HP cross-links was expressed per collagen triple helix. Hyp and GAG
content were normalized to the amount of DNA to obtain a measure for the amount
of matrix components produced per cell. The amount of DNA was not normalized to
dry weight, but expressed as absolute values, since the scaffold contribution to the
constructs weight after 4 weeks was considerably different for PGA-P4HB and PCL.

4.2.9 Qualitative tissue analysis

After 4 weeks of culture the TE constructs were fixed with 3.7% formaldehyde and
embedded in Technovit 7100 (Heraeus Kulzer, Germany). Sections of 5 µm thickness
were cut and stained with toluidine blue (Klinipath, Netherlands) to evaluate tissue
formation.

4.2.10 Statistics

Statistical analysis was performed using SPSS 13.0 software (SPSS, USA). Values are
presented as mean ± standard deviation. Differences between groups were deter-
mined with Univariate ANOVA, followed by Bonferroni post-hoc tests. Differences
with a p-value smaller than 0.05 were considered significant.

4.3 Results

4.3.1 Scaffold morphology

The spinning parameters were optimized to obtain smooth regular shaped fibers in
all scaffold groups. Using the parameters shown in table 1, the electrospun scaffolds
consisted of randomly oriented uniform meshes of smooth regular shaped fibers. The
fiber diameters increased from 3.4 ± 0.29 µm (group A), 5.0 ± 0.29 µm (group B),
6.7 ± 0.56 µm (group C), 8.7 ± 0.57 µm (group D), to 12.1 ± 1.21 µm (group E).
Small standard deviations in the fiber diameter and uniform fibers, as visible in ESEM
images (Figure 4.1a-e), suggested that all groups consisted of meshes with constant
fiber thickness.

4.3.2 Cell ingrowth

Fluorescent images of the constructs with DAPI stained cells clearly showed differ-
ences in cell ingrowth between the 5 groups (figure 4.1f-j). Scaffold A, having the
smallest fiber diameter, showed barely any cell ingrowth, while with increasing fiber
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Figure 4.1: a-e) ESEM images of scaffolds A-E without cells. All electrospun scaffolds
consist of randomly oriented uniform meshes of smooth regular shaped
fibers with increasing fiber diameter. f-j) Fluorescent images of cross-
sections of the scaffold groups A-E with DAPI stained cells after 3 days of
culture. Clear differences in cell ingrowth between the 5 groups can be
observed. With increasing fiber diameter, the number of intruded cells in
the scaffold increased gradually (f-i) to a homogeneous cell distribution
in group E (j).
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Figure 4.2: Quantified cell ingrowth, expressed as a percentage of the total number
of cells per cross-section in PCL scaffold groups A-E. The number of cells
in the middle layer of the scaffold increases with increasing fiber diame-
ter. * indicates a difference with p < 0.05.

diameter the number of intruded cells in the scaffold increased to a homogeneous
cell distribution in group E. Quantification of the number of cells in each of the three
layers by image analysis is shown in figure 4.2. The graph shows increasing percent-
ages of cells in the middle layer of the scaffold with increasing PCL fiber diameter.
Remarkably, only in the largest fiber diameter mesh (group E) cellular infiltration
did not appear impeded by the scaffold structure. Although the number of cells in the
bottom layer was lower than in the two layers above, the equal amounts of cells in the
two upper layers indicate that cell penetration was not obstructed. Interestingly, cells
in the thinner fiber meshes (A and B) rather surrounded the scaffold than penetrating
it, represented by the large amounts of cells in both the seeding and the bottom layer.
These data suggest that from the tested scaffolds the 12.1µm fiber group has the least
fiber size to obtain sufficiently large pores, which allow complete cellular infiltration.

4.3.3 TE experiment

A morphological comparison of the two scaffolds types (PGA-P4HB and PCL group E)
before cell seeding is shown in figure 4.3. A strong resemblance in fiber morphology
could be observed between the two scaffold types. After 4 weeks of culture, the PCL
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(a) (b)

Figure 4.3: ESEM images of PCL group E (a) and PGA-P4HB (b) scaffolds before cell
seeding (100x, bar indicates 500 µm). Higher magnifications (1800x) of
the scaffolds are shown in the upper right corner of both images (white
bar = 20 µm). The porosity of both scaffolds appeared similar. At a high
magnification strong resemblance in fiber morphology could be observed
between the two scaffold types.

group E scaffold was still completely intact, in contrast to the largely degraded PGA-
P4HB scaffold.

Mechanical properties

Stress-strain curves were obtained from uniaxial tensile tests to assess the mechanical
properties of the constructs after 4 weeks of culture. Representative curves of each
group are shown in figure 4.4 and averaged values are displayed in table 4.2. PCL
constructs with and without cells were stiffer (higher modulus) and stronger (higher
tensile stress at fixed strains) compared with PGA-P4HB constructs with cells. As
PCL was not degraded after 4 weeks, the polymer dictated the constructs’ mechanical
response, hence the difference between the PCL and PGA-P4HB constructs. Signifi-
cantly higher values of the modulus and the stress at fixed strains (at 5, 10, and 15%
strain) were found in the PCL scaffolds with cells, compared to scaffolds without cells,
indicating that the presence of cells significantly improved both stiffness and strength.

Quantitative tissue analysis

Tissue composition (collagen, collagen cross-links, GAGs and DNA) of all scaffolds
was quantified after 4 weeks and presented in table 4.3. No difference was observed
in the amount of DNA between the constructs from the PCL and PGA-P4HB scaffold
groups. The amount of GAG per DNA and Hyp per DNA were about 20% higher
in the PCL constructs, compared with the PGA-P4HB constructs, indicating slightly
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Figure 4.4: Representative stress-strain curves of TE constructs after 4 weeks of cul-
ture. The PCL scaffold was stiffer and stronger compared with the PGA-
P4HB construct. The presence of cells clearly improved the stiffness and
strength of the PCL scaffold.

PCL with cells PCL w/o cells PGA-P4HB

Modulus [MPa] 10.36 ± 1.41 7.97 ± 1.07 * 2.28 ± 0.57 * ‡
Stress [MPa] at: 5% strain 0.53 ± 0.07 0.40 ± 0.05 * 0.06 ± 0.03 * ‡

10% strain 0.86 ± 0.13 0.54 ± 0.07 * 0.14 ± 0.06 * ‡
15% strain 1.09 ± 0.20 0.61 ± 0.08 * 0.24 ± 0.12 * ‡

Table 4.2: Mechanical properties of PGA-P4HB and PCL constructs (with and without
cells) after 4 weeks of culture. * is significantly different compared with
PCL with cells (p < 0.01), ‡ is significantly different from PCL without
cells (p < 0.01).
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PCL constructs PGA-P4HB constructs

GAG/DNA [µg/µg] 7.40 ± 0.36 6.23 ± 0.59 *
Hyp/DNA [µg/µg] 8.90 ± 0.89 6.90 ± 0.40 *
DNA [µg] 8.05 ± 0.96 8.93 ± 1.11
HP cross-links/ 0.27 ± 0.01 0.43 ± 0.02 *
collagen molecule

Table 4.3: Tissue composition (DNA, GAG, Hyp, collagen crosslinks HP) of PGA-
P4HB and PCL constructs after 4 weeks of culture. * indicates significantly
different compared with PCL (p < 0.01).

(a) (b)

Figure 4.5: Histological images of toluidine blue stained slides of PCL group E (a)
and PGA-P4HB (b). Homogeneous tissue throughout the whole scaffold
was observed in the PCL construct, while in the PGA-P4HB construct the
tissue structure was more compact at the edges. Scale bar indicates 1mm.

increased matrix synthesis per cell in the PCL group. However, the number of cross-
links per collagen molecule was lower in the PCL constructs, compared with the PGA-
P4HB group.

Qualitative tissue analysis

Images of toluidine blue stained histological sections of the PCL and PGA-P4HB groups
are shown in figure 5.5. In the PGA-P4HB group, the strongest proliferation and ECM
deposition was observed at the edges of the constructs, while more homogeneous
tissue was seen in the PCL group. Additionally, substantial compaction of PGA-P4HB
constructs was observed due to scaffold degradation, in contrast to the unaffected
dimensions of PCL constructs.
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4.4 Discussion

The objective of this study was to investigate the optimal fiber diameter of electrospun
PCL scaffolds for cardiovascular TE purposes with human venous myofibroblasts. The
data presented in this study show that an average fiber diameter of 12.1µm is the min-
imal fiber size in an electrospun scaffold that allows unobstructed cellular infiltration.
Quantification of cell ingrowth in 5 scaffold groups, with fiber diameters ranging from
3.4 up to 12.1µm, showed a relation between fiber diameter and cellular infiltration.
Cell ingrowth of human myofibroblasts increased with increasing fiber diameter.
The results of the cell infiltration study validated the theoretical predictions of Eich-
horn’s model (Eichhorn and Sampson, 2005) that pore size increases with increasing
fiber diameter. Pham et al. (2006b) demonstrated a high reproducibility and uni-
formity of electrospun microfiber scaffolds in the same diameter range as were used
in the present study. Although cell ingrowth was not investigated in different sized
microfiber scaffolds, it was suggested that smaller fibers can inhibit cellular infiltra-
tion. The data presented here confirm this suggestion, and showed that even a small
change in average fiber diameter can have a significant effect on cellular infiltration.
This emphasizes that fiber thickness is an essential parameter for 3D TE applications.
As cell size differs between cell types and species (Krombach et al., 1997), the optimal
electrospun scaffold structure is not a uniform geometry, but should be cell-specific.
In the second part of this study the PCL electrospun scaffold with average fiber di-
ameter of 12.1µm was evaluated for tissue development and compared with a PGA-
P4HB scaffold. The PGA-P4HB model system has produced strong and functional
engineered tissues (Hoerstrup et al., 2002; Mol et al., 2006). As PGA-P4HB is de-
graded before implantation in patients, implantation of completely autologous tissue
is possible. The choice for PCL as scaffold material arose from a shortcoming of the
current status of cardiovascular engineered tissues: the lack of elastin. Proper in vivo
functioning of vascular TE grafts has up to now been unsuccessful due to the lack of
elastin biosynthesis in the tissue equivalents (Patel et al., 2006). PCL exhibits elastic
behaviour with only minor permanent deformation (Klouda et al., 2007). Therefore,
PCL could function as an elastic substitute while natural elastin is gradually produced
to take over this role. It appears a promising material for cardiovascular tissue engi-
neering, especially when prolonged periods of mechanical support are desired.
With SEM, a high morphological resemblance was observed between the PCL scaffold
and the reference PGA-P4HB scaffold prior to seeding, supporting the potential of the
PCL scaffold for TE. After 4 weeks of culture, PGA-P4HB constructs showed a denser
tissue structure and more compact dimensions compared with PCL constructs. PCL
obviously served as a support structure, maintaining its initial dimensions, while the
PGA-P4HB scaffold degraded and lost its mechanical support, allowing compaction of
the construct. Mechanical testing showed that the PCL construct could sustain higher
tensile stresses and was stiffer compared to the PGA-P4HB construct. The PCL scaf-
fold remained fully intact during the 4 weeks of culture, while the PGA-P4HB scaffold
lost mechanical integrity. The amount of DNA was equal in both groups, however,
GAG and collagen production of the cells was approximately 20% higher in the PCL
constructs compared with PGA-P4HB.
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It could be argued that the cells in the two scaffold groups experienced different envi-
ronmental stimuli, which could account for the difference in ECM production. In the
stiff PCL fiber mesh, the cells are surrounded by a rigid environment, which imposes
mechanical restraints. Contrarily, the PGA-P4HB is degraded after 4 weeks of culture,
leaving the cells with little mechanical support and no mechanical restraints. As a
mechanically restrained environment can induce myofibroblast differentiation (Hinz,
2006), which is characterized by increased biosynthesis of ECM components (Merry-
man et al., 2006), this might explain the moderately higher levels of matrix compo-
nents in PCL compared with PGA-P4HB. Additionally, scaffold degradation products
diffuse into the medium during culture. Therefore, the rapid degrading PGA-P4HB
scaffold produces a considerably higher concentration of acidic degradation products
than the slow degrading PCL scaffold. It has been reported that extracellular pH influ-
ences matrix synthesis of GAGs as well as collagen in chondrocytes (Wu et al., 2007).
Furthermore, it was demonstrated that high levels of PGA degradation products al-
tered cellular function in terms of proliferation and differentiation (Higgins et al.,
2003). This could account for lower matrix production, which in turn may have pro-
moted collagen cross-linking in the PGA-P4HB constructs, compared with the PCL
constructs.

In summary, despite the attractive features of nanofibrous structures for cell at-
tachment, the data presented here encourage a shift from nano to micro fiber meshes
for use in 3D TE applications. Electrospun PCL scaffolds appear a promising alterna-
tive to PGA-P4HB scaffolds for cardiovascular tissue engineering. The scaffold allows
for sufficient cell ingrowth and proper ECM biosynthesis, provided that the fiber di-
ameter in the mesh is adapted to the size of the cells to be seeded. An electrospun
PCL scaffold would be particularly advantageous when a tissue engineered implant
should retain elastic properties and mechanical integrity. After implantation the cells
could gradually form elastin and a strong tissue matrix to eventually function without
the support of a polymer structure.
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Chapter 5

The use of biochemical factors
and oxygen level to improve

mechanical properties of
engineered heart valve tissue

The contents of this chapter are based on A. Balguid, A. Mol, C. V. C. Bouten and F.
P. T. Baaijens (2007) Hypoxia induced near-native mechanical properties of engineered
heart valve tissue, Circulation; under review.
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5.1 Introduction

Tissue engineered (TE) heart valve replacements appear promising autologous valvu-
lar substitutes that possess the ability to grow, adapt and remodel in vivo, which is in
particular relevant for pediatric and young adult patients. These attractive features
distinguish TE valves from currently used valvular prostheses, which consist of foreign
body material and are nonviable. TE heart valves have been successfully implanted
in the pulmonary position in sheep, showing a native-resembling function and tissue
composition after five months (Sodian et al., 2000; Hoerstrup et al., 2000). However,
the valves did not show sufficient mechanical strength for systemic pressure applica-
tions, such as the aortic valve.
In native human aortic valves, the features responsible for maintaining the mechani-
cal integrity and functionality of the tissue are the anisotropic mechanical and struc-
tural properties, and the mature, well-developed collagen architecture present in the
valve leaflets (Bashey et al., 1967; Rabkin and Schoen, 2002; Balguid et al., 2007).
The maturity of collagen is determined by the presence of collagen cross-links, which
were shown to directly influence the stiffness of human native aortic valve leaflets
(Balguid et al., 2007). So far, these critical features have not been sufficiently mim-
icked in engineered heart valves. Recently, a novel in vitro conditioning strategy
was developed, which mimics the diastolic phase of the cardiac cycle. This resulted
in the fabrication of tissue engineered valves, based on a rapid degrading polymer
scaffold, that could withstand physiological systemic pressures during four hours in
an in vitro setup (Mol et al., 2006). The dynamically conditioned valves were asso-
ciated with considerable improvement of tissue quality and developing anisotropic
mechanical properties after 4 weeks of culture in a bioreactor, compared with a static
control. Though these results are promising, native values of tissue strength were
not achieved in the engineered heart valves. Besides dynamic conditioning, altering
the cellular niche by environmental and biochemical cues may also enhance tissue
strength.
The aim of this study was to improve the mechanical properties of TE valves by ex-
ternal stimuli during the culture period. An environmental factor of interest is the
level of oxygen supplied during culture. Up to now, the growing valves were exposed
to atmospheric air, providing the engineered tissue with considerably more oxygen
than under in vivo conditions (Fournier, 1999). Various studies in 2D and 3D cell
cultures have demonstrated an upregulation of collagen on mRNA and protein ex-
pression level, associated with hypoxia, i.e. low oxygen tension (Horino et al., 2002;
Saini and Wick, 2004). From a biochemical perspective, insulin is considered an inter-
esting stimulus for its enhancing effect on collagen production (Neidert et al., 2002;
Ross and Tranquillo, 2003; Tokudome et al., 2004).
In this study, the separate and combined contribution of hypoxia and insulin were
evaluated for their potential to promote tissue development in heart valve tissue
equivalents. Human saphenous vein cells and a non-woven rapid degrading poly-
mer fiber scaffold were used as an in vitro model system for engineered heart valve
tissue, as described previously (Balguid et al., 2007). The mechanical behavior and
tissue properties were studied in the engineered tissues, and subsequently compared
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with those of adult human aortic valves.

5.2 Materials and methods

5.2.1 Tissue engineering of heart valve constructs

Myofibroblasts, harvested from the human vena saphena magna and expanded using
regular cell culture methods, were used as described previously (Schnell et al., 2001).
The culture medium consisted of DMEM advanced (Gibco, USA) supplemented with
10% fetal bovine serum (Biochrom, Germany), 1% glutamax (Gibco), and 0.1% gen-
tamycin (Biochrom). Cultures were maintained in a humidified incubator at 37◦C and
5% CO2, and the medium was replaced every 3-4 days. Before seeding, the cells (pas-
sage 6-8) were enzymatically detached by adding trypsin-EDTA (Cambrex, USA) to
the monolayer cultures. Scaffold preparation was performed as described previously
(Mol et al., 2005b). Briefly, rectangular strips (5×35×1 mm) of rapid degrading non-
woven polyglycolic acid meshes (PGA; Cellon, Luxembourg) were coated with a thin
layer of poly-4-hydroxybutyrate (P4HB; TEPHA Inc., Cambridge, USA). After a cen-
trifuging step the cells were resuspended in a fibrin gel- serving as cell carrier (Mol
et al., 2005a)- and evenly distributed over rectangular scaffold strips. To create static
strain conditions, which has shown to be beneficial for tissue development (Mol et al.,
2006), the scaffolds were attached at the ends, using a polyurethane-tetrahydrofuran
glue (20 w/v%). The medium for tissue culture was supplemented with additional
gentamycin (0.3%) and L-ascorbic acid 2-phosphate (0.25 mg/ml) to promote extra-
cellular matrix production. The cell-seeded scaffolds will be further referred to as TE
constructs.

5.2.2 Experimental design

Four experimental groups were studied (table 5.1); the control and insulin group,
both cultured under atmospheric air conditions (normoxia). The insulin + hypoxia
and hypoxia group were cultured under low oxygen tension, or hypoxia. As aortic
valve leaflets are avascular tissue structures, oxygen transport to valvular cells occur
primarily through oxygen diffusion from the aortic blood (Charest et al., 2006). The
oxygen concentration in arterial blood, which is 130 µM (Fournier, 1999), was there-
fore considered physiologically representative in the culture medium. The conversion
of oxygen concentration (mM) to partial oxygen pressure (mmHg) in medium, which
is very close to water, was calculated with Henry’s law (5.1), using the coefficient of
oxygen solubility in water (α) (Fournier, 1999):

CO2,medium[mM ] = α · PO2[mmHg] (5.1)

where α = 1.39·10−3mmol·L−1·(mmHg)−1.
Using the formula, the oxygen tension (mmHg) in culture medium can be calculated
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Treatment Time of Analysis

2 weeks 4 weeks
Control n = 5 n = 5
Insulin n = 5 n = 5
Hypoxia n = 5 n = 5
Insulin + Hypoxia n = 5 n = 5

Table 5.1: Four groups were studied in the experimental design, a control and insulin
group under normoxic conditions, and two hypoxic groups with and with-
out insulin. Upon sacrifice after 14 and 28 days, quantitative assessment
of matrix components (DNA, GAG, Hyp, cross-links), mechanical testing
(modulus, UTS), and histological examination (Masson Trichrome) were
performed.

from the oxygen concentration (130 µM), and was 93 mmHg. Previously, Anderson
et al. (1991) investigated the diffusion of oxygen from gas to culture media at various
partial pressures. From these data the oxygen pressure in air, required to obtain an
oxygen tension of 93 mmHg in the medium, was estimated 53-57 mmHg, which cor-
responds with 7-7.5% O2 (0.07-0.075 bar). Therefore, a gas mixture consisting of 7 %
O2, 5 % CO2, and 88 % N2 was supplied to the hypoxia groups. Despite the claim that
this oxygen concentration may be more representative of physiological conditions, in
this study 7% O2 levels are termed hypoxic and 20% O2, normoxic, for consistency
with conventional terminology in cell culture studies.
The control group was cultured with normal tissue culture medium, the culture medium
for the insulin groups were supplemented with insulin (2.5 µg/ml). The insulin con-
centration was determined from literature (Neidert et al., 2002; Ross and Tranquillo,
2003) and confirmed by metabolic activity tests of a range of concentrations (data not
shown). The hypoxia groups were placed in a closed bell jar (figure 5.1), which was
flushed with the hypoxic gas mixture daily. In all groups, constructs were sacrificed
for analysis at two time points, at 2 and 4 weeks (n = 5 per group at each time point,
table 5.1). During culture the constructs were placed on a shaking table, to promote
gas exchange and diffusion.

5.2.3 Mechanical behavior

After 2 and 4 weeks of culture, the mechanical properties of the TE constructs were
measured using a uniaxial tensile tester equipped with a 20-N load cell (Kammrath
& Weiss, Germany). The dimensions of the rectangular shaped constructs were mea-
sured with an optical imaging profiler (SensoFar PLµ 2300, Sensofar-Tech, Spain) and
each sample was tested at a speed of the initial length (l0) per minute. The ultimate
tensile stress (UTS), indicative for tissue strength, was assessed from the stress-strain
curves. The slope of the linear part of the curve represented the Young’s modulus
of elasticity (indicative for tissue stiffness). These parameters were compared with
averaged tensile data in circumferential direction of native adult human aortic valve
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Figure 5.1: Experimental setup for groups under hypoxic conditions. The glass bell
was flushed with gas mixture consisting of 7 % O2, 5 % CO2, and 88 %
N2, and was continuously shaken to promote gas exchange and diffusion.

leaflets from previous work (Balguid et al., 2007).

5.2.4 Tissue composition of TE constructs

After tensile testing biochemical assays were performed on the TE constructs to eval-
uate the ECM composition. For DNA and glycosaminoglycan (GAG) analyses, lyophil-
ized tissue samples were digested in papain solution (phosphate buffer, L-cysteine,
ethylenediaminetetraacetic acid (EDTA), and papain) at 60◦C for 16 hours. The DNA
content was determined using the Hoechst dye method (Cesarone et al., 1979) and
a standard curve from calf thymus DNA. The GAG content was determined using a
modification of the assay described by Farndale et al. (1986) and a standard curve
from chondroitin sulfate from shark cartilage. For collagen analysis, the digested
samples were hydrolysed in 6 M HCl (Merck, Germany). Hydroxyproline (Hyp)
residues were measured on the acid hydrolysates by reverse-phase high-performance
liquid chromatography (RP-HPLC) after derivatisation with 9-fluorenylmethyl chlo-
roformate (FMOC, Fluka, Switzerland) (Bank et al., 1996). The same hydrolysates
were used to measure the number of the mature collagen cross-links hydroxylysyl
pyridinoline (HP) by HPLC as described previously (Bank et al., 1997; Robins et al.,
1996). HP is the main type of collagen cross-links present in cardiovascular tissue.
The number of HP cross-links was expressed per collagen triple helix. Hyp and GAG
content were normalized to the amount of DNA to obtain a measure for the amount
of matrix components produced per cell. The tissue properties of the engineered con-
structs were compared with native tissue. Native values were obtained from human
adult aortic valves, previously used for mechanical testing (Balguid et al., 2007).
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5.2.5 Histology

To evaluate the development of tissue formation in time in the engineered tissue
samples, histology was performed. The constructs were fixed with 3.7% formalde-
hyde (Merck, Germany) and embedded in parafin. Tissue sections of 10 µm thickness
were cut, and stained with Masson Trichrome.

5.2.6 Statistics

Descriptive statistics (mean ± standard deviation) were performed for collagen con-
tent, cross-links, and mechanical properties (modulus and UTS). Statistical differ-
ences between the groups were determined for both time points using univariate
ANOVA, followed by Bonferroni post-hoc tests. Differences with a p-value smaller
than 0.05 were considered significant. Statistical analysis was performed using SPSS
13.0 software (SPSS Inc., USA).

5.3 Results

5.3.1 The effect of insulin and hypoxia on tissue composition

The addition of insulin in the medium under normoxic conditions resulted in signifi-
cantly higher GAG and collagen production per cell and more collagen cross-linking in
the constructs after 2 weeks of culture, when compared with the control group (table
5.2). This difference in collagen production per DNA and cross-linking disappeared
after 4 weeks, however, the weight percentage of collagen remained higher. Culturing
under hypoxic conditions induced an increase in collagen per DNA as well as cross-
link production after 2 and 4 weeks, when compared with the control group. In the
combined hypoxia and insulin group, more collagen and cross-links were observed
after 2 and 4 weeks, and the GAG production had increased after 4 weeks, compared
with the control group. Both hypoxic groups showed less collagen and GAG (per DNA
and per dry weight), compared with the insulin group after 2 weeks. This difference
was absent after 4 weeks. The number of cells in all treated groups had increased
compared with the control group after 4 weeks of culture.

5.3.2 The effect of insulin and hypoxia on mechanical behavior

The tissue stiffness (modulus) and strength (UTS) for all groups are shown in fig-
ures 5.2 and 5.3, respectively. The insulin group showed an initial increase in tissue
stiffness and strength after 2 weeks of culture. Remarkably, after 4 weeks these pa-
rameters did not differ from the control group anymore. The hypoxia group showed
no difference in stiffness or strength after 2 weeks compared with the normoxic con-
trol group. However, after 4 weeks substantially higher tissue stiffness and strength
were found. The addition of insulin under hypoxic conditions resulted in stiffer tissue
already after 2 weeks compared with the control and hypoxia group. After 4 weeks
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Figure 5.2: Tissue stiffness (E) in the engineered constructs after 2 and 4 weeks of
culture. After 2 weeks both insulin treated groups, under normal and
hypoxic conditions, showed a significant increase in tissue stiffness com-
pared with the control group. After 4 weeks both groups cultured under
hypoxic conditions showed a distinct increase in tissue stiffness compared
with the untreated control, in contrast with the insulin group. The bold
black line indicates the average stiffness of human native aortic valve
leaflets in the circumferential direction. Statistical comparisons were per-
formed only between groups of the same culture period. * and ** indicate
a difference compared with the control group (p < 0.05, and p < 0.01,
respectively), † and †† is indicative for a difference with the insulin group
(p < 0.05, and p < 0.01, respectively), ‡ and ‡‡ represent differences
with the hypoxia group (p < 0.05, and p < 0.01, respectively).

the tissue stiffness and strength were distinctly higher than in the control group, but
were not different from the hypoxia group.

5.3.3 Comparison of engineered tissue with native human aortic
valves

Averaged stress-strain data obtained from human aortic valve leaflets were obtained
from previous work (Balguid et al., 2007). The stress-strain curves of the engineered
tissue strips and native aortic valve leaflets, in circumferential direction, are shown
in figure 5.4. The modulus, UTS and tissue properties of engineered, as well as
native tissue are shown in table 5.2. The tissue equivalents cultured under normoxic
conditions failed to achieve native values of tissue stiffness and strength, despite the
addition of insulin. Remarkably, the groups cultured under hypoxic conditions, with
and without the addition of insulin, both showed comparable mechanical behavior
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Figure 5.3: Ultimate tensile strength (UTS) in the engineered constructs after 2 and
4 weeks of culture. After 2 weeks the UTS was not different among the
groups. A dramatic increase in tissue strength was observed in the hy-
poxic groups after 4 weeks, in comparison with the normoxic control.
The bold black line indicates the average UTS of human native aortic
valve leaflets in the circumferential direction. Statistical comparisons
were performed only between groups of the same culture period. * and
** indicate a difference compared with the control group (p < 0.05, and
p < 0.01, respectively), † and †† is indicative for a difference with the
insulin group (p < 0.05, and p < 0.01, respectively), ‡ and ‡‡ represent
differences with the hypoxia group (p < 0.05, and p < 0.01, respec-
tively).
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after 4 weeks compared with native valve leaflets in circumferential direction (figure
5.4). The hypoxia group showed similar stiffness, and in the hypoxia + insulin group
the stiffness was even higher than average native values (table 5.2). The anisotropic
collagen organization and mechanical properties in native valve leaflets clearly shown
in the tissue stiffness and strength in radial, compared with circumferential direction.
All engineered tissues are significantly stronger and stiffer, compared with the radial
direction of native valve leaflets. The amount of GAGs per cell and per dry weight in
the engineered tissues approached native values in the treated groups, however, the
amount of collagen and cross-linking remained significantly lower in the engineered
tissues.

5.3.4 Histology

Histological examination of the engineered tissues showed homogeneous tissue for-
mation after 2 weeks in all groups figure 5.5. After 4 weeks of culture the tissue com-
position is very dense and contains considerably more collagen than after 2 weeks.
Interestingly, the groups cultured under hypoxic conditions showed denser and more
compact tissue, in comparison with the normoxic control and insulin groups.

5.4 Discussion

Living autologous valve replacements contain many attractive and promising per-
spectives, such as the ability to grow and remodel, which is especially relevant for
pediatric and adolescent patients. However, such valvular substitutes, when based
on biodegradable synthetic scaffolds, have not yet reached sufficient tissue properties
and mechanical integrity for systemic applications (Hoerstrup et al., 2000; Sodian
et al., 2000). To ensure durable functioning of TE valves the complex anisotropic
mechanical behavior of native aortic valves should be realized (i.e. much stiffer and
stronger in circumferential, than in radial direction of the valve leaflet), associated
with a highly organized collagen matrix. Therefore, it is proposed to set the bench-
mark for engineered valves predominantly on the mechanical characteristics of hu-
man native aortic valves. Although mechanical anisotropic behavior was shown to be
achieved in TE valves by mechanical conditioning during culture, the tissue stiffness
and strength needed additional improvement (Mol et al., 2006). Both insulin and
hypoxia have previously shown stimulatory effects on engineered tissue equivalent in
terms of matrix production (Neidert et al., 2002; Horino et al., 2002; Saini and Wick,
2004; Tokudome et al., 2004), and may be a key factor in attaining native properties
in TE heart valves. The aim of this study was to enhance tissue development during
culture by the addition of insulin to the culture medium and reducing the oxygen
level to physiologically relevant values.
Hypoxia induced increased mechanical properties, associated with improved extracel-
lular matrix biosynthesis. These responses were observed moderately after 2 weeks
of culture, but the major effect of hypoxia occurred between 2 and 4 weeks of cul-
ture. Remarkably, the addition of insulin during culture under normoxic conditions
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(a) Control 4 weeks (b) Insulin 4 weeks

(c) Insulin + Hypoxia 4 weeks (d) Hypoxia 4 weeks

Figure 5.4: Stress-strain curves of engineered tissue strips after 4 weeks of culture.
The control group (a) and the insulin group (b) were both cultured under
normoxic conditions. The hypoxic groups, cultured with (c) and with-
out (d) the addition of insulin, showed improved tissue stiffness and
strength. The bold, dashed line overlaid in each graph indicates the
stress-strain curve of human aortic valve leaflets in the circumferential
direction (obtained from Balguid et al. (2007)).
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(a) Control 2 weeks (b) Control 4 weeks

(c) Insulin 2 weeks (d) Insulin 4 weeks

(e) Hypoxia 2 weeks (f) Hypoxia 4 weeks

(g) Insulin + Hypoxia 2 weeks (h) Insulin + Hypoxia 4 weeks

Figure 5.5: Masson trichrome staining of tissue sections. Homogeneous tissue for-
mation was present after 2 weeks in all groups, and differences were not
observed between the groups at this point of evaluation. After 4 weeks,
compact and homogeneous tissue was observed in all groups, which ap-
peared more dense in the two groups cultured under hypoxic conditions
(f, h), compared with the normoxic groups (b, d). Bars indicate 200 µm.
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appeared to enhance the tissue matrix and mechanical properties particularly during
the first 2 weeks of culture. This effect of insulin on extracellular matrix biosynthe-
sis was previously demonstrated in various cell types (Neidert et al., 2002; Ross and
Tranquillo, 2003; Tokudome et al., 2004; Naito et al., 2006; Williams et al., 2006).
Interestingly, besides an increase in collagen production, insulin was reported to en-
hance synthesis of elastic fibers (Long and Tranquillo, 2003), an essential matrix com-
ponent in native heart valves. Although elastin was not investigated in the present
study, it is considered important in further progress in heart valve TE, and will be a fo-
cus in future research. The addition of insulin induced a substantial increase in GAG
production by the cells. A possible explanation is that the gel-like GAG molecules
may help retaining matrix proteins in the tissue matrix, thus adopting the function of
fibrin in this system (Mol et al., 2005a). This could account for the improvement in
tissue stiffness after 2 weeks compared with the control group. Measurement of the
matrix proteins in the culture medium of the insulin and control group would clarify
this matter, and will be subject for further investigation.
Interestingly, the hypoxic insulin group did not show this increase in GAG produc-
tion. This discrepancy may be explained by the impact of scaffold degradation on cell
metabolism. Under normal culture conditions the scaffold would degrade within 2
to 4 weeks. The hypoxic environment may have induced a moderately higher acidity
in the culture medium (Gawlitta, 2005), which could result in accelerated scaffold
degradation, leading to an even lower pH. An acidic environment has been reported
to suppress cell metabolism and negatively affect GAG and collagen biosynthesis,
thus interfering with tissue development (Reipschlager and Portner, 1996; Wu et al.,
2007). This degradation effect is expected to predominantly occur within the first 2
weeks, as the major part of the PGA scaffold degrades during this time frame. There-
fore, this effect on the tissue properties was not observed after 4 weeks of culture.
Despite the argument that hypoxia enhanced collagen cross-linking already within 2
weeks, one might speculate that hypoxic conditions should be postponed until a sig-
nificant part of the scaffold has degraded. Hypoxia induced variable effects on tissue
composition and mechanical properties after different culture periods. Evident corre-
lations between collagen, cross-linking and mechanical properties were not observed
(data not shown). Clearly, the mechanical properties and structural integrity of a
tissue are determined by the combined contribution of cross-linking, collagen align-
ment, amount and type, and these factors may vary during culture.
The present study demonstrated that by culturing under low oxygen tension, engi-
neered heart valve tissue reached mechanical characteristics of native adult aortic
valves. It should be noted that these results were achieved in a model system of rect-
angular tissue strips. Obviously, caution is in order to extrapolate these data to a heart
valve geometry. However, tissues of such strength have not been achieved previously,
hence these findings are a major step forward in heart valve tissue engineering.
The tissue stiffness and ultimate tensile strength of these groups were comparable
with native values. Native valve leaflets appeared slightly more flexible compared
with the hypoxic engineered tissues in the lower strain range (0-10%). The matrix
structure of native aortic valve leaflets are composed such that they allow movement
and extension of the tissue (up to 10%) at minimal load. Above 10% strain, collagen
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fibers lock up and the tissue becomes stiffer to carry the high pressure difference over
the valve (Schoen and Levy, 1999). This combined flexibility and rigidity is necessary
for proper functioning of the valve. Higher flexibility of the engineered tissues in the
lower strain range may therefore be desirable. Dynamic conditioning in a strain-based
bioreactor previously demonstrated to result in anisotropic mechanical behavior. As
this system imposes constant movement to the engineered valve, it may additionally
result in improved flexibility.
Lower concentrations of matrix proteins were measured in the engineered tissues
compared with human native valves. Yet, the mechanical properties of the engi-
neered tissues were similar to those of adult native tissue. This discrepancy may be
explained by the difference in structure between the engineered and native tissues.
Native aortic valves consist of a three-layered tissue matrix, of which only one layer,
the fibrosa, bears the largest part of the load during the cardiac. In the engineered
tissues the collagen distribution in the tissue matrix is more homogeneous, allowing
a relatively homogeneous stress distribution over the tissue. This may account for
the differences in the ratios of matrix components and mechanical behavior between
engineered and native tissue.
In this study, engineered tissues were compared with adult native aortic valves. In
prenatal development, aortic valves initially show a homogeneous matrix distribution,
mainly consisting of proteoglycans. Not until after birth a three-layered structure in
the valve gradually develops, together with collagen fiber alignment and maturation
(Aikawa et al., 2006). This in-time development of the aortic valve raises the question
of to what extent TE valves need to resemble adult native valve structure, because in
vivo remodeling is expected to occur upon implantation (Hoerstrup et al., 2000).
Further studies are required to determine how variations in cell source, scaffold geom-
etry and mechanical conditioning protocol will affect the ECM expression and physi-
ological properties of the engineered tissue cultured under hypoxic conditions. More-
over, ultrastructural, immunochemical and gene expression studies will be performed
as a next step to elucidate the mechanism behind hypoxia-induced strengthening of
the tissues. Yet, the results presented here strongly indicate that oxygen tension is a
key parameter that promotes the development of human venous myofibroblasts into
heart valve tissue equivalents. The combination of hypoxia with mechanical condi-
tioning of TE heart valves will be topic of further research, to improve anisotropic
mechanical behavior of the valve leaflets and enhance the tissues’ flexibility in the
lower strain range.

5.5 Conclusion

The results presented in this study demonstrated that the use of hypoxic culture con-
ditions resulted in the mechanical characteristics of native aortic valve tissue. To our
knowledge, this has not been demonstrated previously. These findings bring the po-
tential use for systemic applications a step closer, and can be considered an important
improvement in heart valve tissue engineering.
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6.1 Introductory remarks

Tissue engineered heart valves present many attractive and promising perspectives.
Especially for pediatric and adolescent patients, the implantation of autologous, living
and adapting valvular substitutes would be a valuable option. Up to now, these pa-
tient groups commonly receive non-living valvular prosthesis, and are often subjected
to multiple re-operations, with all risks and consequences involved. This has been an
important motivation for researchers in the field of heart valve tissue engineering.
One of the main challenges in this field is to create valvular leaflets, that despite their
minimal thickness, are sufficiently strong to bear the physiological loads in the aor-
tic position. Furthermore, to ensure durable functioning of TE valves the complex
anisotropic mechanical behavior of native aortic valves should be realized (i.e. stiffer
and stronger in circumferential, than in radial direction of the valve leaflet), associ-
ated with a highly organized collagen matrix.
TE heart valves of ovine origin have been successfully implanted in the pulmonary
position in sheep, showing a native-resembling function and tissue composition after
five months (Sodian et al., 2000; Hoerstrup et al., 2000). However, the valves did not
show sufficient mechanical strength for systemic pressure applications, such as the
aortic valve. The application of dynamical conditioning during culture in the bioreac-
tor resulted in the fabrication of human tissue engineered valves that could withstand
physiological systemic pressures for 4 hours in an in vitro setup (Mol et al., 2006). Ex-
citingly, after 4 weeks of culture the TE valves showed developing anisotropic mecha-
nical properties. Though these results are promising, native values of tissue strength
or composition were not yet attained in the engineered heart valves.
This raises the question whether native properties are a necessary requirement for
clinical applications, or can durable functioning also be achieved by in vivo remodel-
ing and adaptation? For future in vivo applications one of the most important ques-
tions is: How good is good enough for in vivo survival of TE heart valves? Criteria are
necessary to determine when TE tissue qualifies for implantation in patients. In this
thesis, bench-marks were chosen based on mechanical properties and corresponding
tissue composition (in particular the collagen architecture) of healthy human adult
aortic valve leaflets.
To reach mechanical characteristics and tissue composition of native aortic valves,
the stiffness and strength of engineered tissues needed additional improvement. Two
main approaches were employed to enhance these parameters. First, it was at-
tempted to improve the mechanical properties by enhancing matrix biosynthesis in
tissue-equivalents using environmental and biochemical stimuli during culture (sec-
tion 6.3.2). Secondly, a slow degrading scaffold material was chosen to provide
durable support to the newly formed tissue (section 6.3.3).
Future perspectives of heart valve tissue engineering, in terms of optimization of the
culturing protocol and future clinical applications are discussed in section 6.4.
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6.2 Native heart valves as bench-mark

In terms of eventual clinical applications and risk assessment, it is necessary to define
qualitative and quantitative criteria for TE heart valves. A list of requirements for
clinically used non-living cardiac valve prosthesis, which may also apply to TE valves,
were formulated as ISO standards (ISO 5840:2005). These are:

• to allow forward flow with acceptably small mean pressure difference

• to prevent retrograde flow with acceptably small regurgitation

• to resist embolization and haemolysis

• biocompatibility

• compatibility with in vivo diagnostics

• deliverable and implantable in the target population

• to remain fixed once placed

• to maintain its functionality for a reasonable lifetime

• to maintain its functionality and sterility for a reasonable time prior to implan-
tation

Whether these criteria are sufficient for TE heart valves remains to be discussed, as
objective criteria and regulations are not available for TE products. In terms of future
clinical applications and risk assessment, these should be defined in consultation with
clinical specialists.
Some of the above requirements were already evaluated to determine the function-
ality of TE valves. In an in vitro setup Mol et al. (2006) demonstrated functional
opening and closing behavior of a TE heart valve, as well as the capability of bear-
ing physiological systemic loading, by monitoring the mean pressure gradient, re-
gurgitation and effective orifice area under conditions. Additionally, the mechanical
characteristics of a TE valve were used to predict the functioning of the valve by sim-
ulating the mechanical response to physiological loading in a previously developed
computational model (Driessen et al., 2007). Several in vivo studies evaluated the
functioning of autologous TE valves in sheep models (Shinoka et al., 1995; Sodian
et al., 2000; Hoerstrup et al., 2000). The opening and closing behavior of the valve
was monitored with Doppler echocardiography, the pressure gradient was assessed as
a measure for the resistance to forward flow. Additionally, the surface morphology,
endothelialization, in vivo tissue remodeling, inflammation responses, and cell phe-
notype characterization macroscopic may be investigated to evaluate the TE implant.
Optimization of TE protocols in order to obtain stronger tissue, requires systematic
and fundamental research, which is often performed with simplified, instead of heart
valve, scaffold geometries. Although functionality measurements are not feasible for
these geometries, qualitative or quantitative bench-marks for these TE experiments
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are necessary for mutual comparisons and reproducibility. In this thesis mechani-
cal properties were considered adequate testing characteristics as they represent the
tissues’ quality and integrity. The mechanical properties of healthy native human aor-
tic valves were considered objective bench-marks for engineered tissues, and were
used to develop TE strategies (section 6.2 and 6.3.1). In this thesis, adult human
heart valves were analyzed to obtain bench-marks for tissue engineering. However,
to what extent are adult human valve characteristics, in terms of mechanical proper-
ties and tissue composition, a fair and reasonable comparison for engineered tissue
after merely 4 weeks of culture?
Even though the mechanical characteristics of engineered tissues approached native
values, the tissue composition was considerably different (Chapter 5). Homogeneous
tissue matrices were observed in the engineered tissues after 4 weeks of culture, in
contrast with the highly organized layered structure present in adult native valve
leaflets (Chapter 2). In the development from the prenatal to adult phase, the hu-
man aortic valve is subjected to and must adapt to continuous changes of mechanical
stress. In the prenatal phase, aortic valves initially show a homogeneous matrix dis-
tribution, mainly consisting of proteoglycans. Not until after birth a three-layered
structure in the valve gradually develops, together with collagen fiber alignment and
maturation (Aikawa et al., 2006). Maturation and remodeling of the tissue structure
clearly takes time, therefore, a comparison with fetal or pediatric heart valves may be
more valid. Due to the highly limited availability of healthy pediatric donor tissue,
these were not studied, and only adult valves were investigated in the present work.

6.3 Main findings and implications

6.3.1 Structure-function relation in native aortic valves

Tissue mechanical behavior is strongly related to the collagen organization, which, in
turn, is related to the mechanical loading conditions of the tissue (Boerboom, 2007),
(This thesis, Chapter 2 and 3). In Chapters 2 and 3 the role of collagen on mechanical
behavior, and mechano-induced collagen morphology in native human aortic valves
was investigated. The results demonstrated a dominant role for collagen cross-links,
and not for collagen content, with respect to tissue stiffness in human heart valve
leaflets. However, collagen cross-links do not exclusively determine the mechanical
behavior of heart valve tissue. The efficiency of mechanical reinforcement of collagen
fibrils and the ability of the tissue to sustain an applied load also depends on the col-
lagen fibril morphology, the fiber orientation, the types of collagen present and the
waviness of the collagen fibrils. Reversely, it was demonstrated that the level of tissue
stress influences the collagen fibril morphology, suggesting a counteracting mecha-
nism. This stress-related collagen structure may be of interest in collagen remodeling
studies and computational models. The mechanical behavior of the native aortic valve
leaflets, obtained from Chapter 2, was used to define objective requirements for tissue
engineering.
One step in satisfying these requirements may be mechanical stimulation. Previous
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studies have shown mechano-induced upregulation of collagen and cross-links and
collagen fibril orientation in myofibroblasts (Kolpakov et al., 1995; Engelmayr et al.,
2005; Boerboom, 2007). Moreover, dynamic conditioning of engineered valves dur-
ing culture improved collagen architecture, leading to anisotropic tissue behavior
(Mol et al., 2006). Despite these promising results, the tissue-engineered cardio-
vascular tissues did not attain the strength or stiffness of their native adult counter-
parts. Therefore, it was attempted to improve these parameters by employing two
approaches (figure 1.9), namely 1) applying biochemical and environmental stimuli
to enhance tissue development (Chapter 5), and 2) using a slow degrading polymer
scaffold to provide mechanical integrity for several months, while in vivo tissue de-
velopment gradually takes over this function (Chapter 4).

6.3.2 Environmental cues

Cells can be stimulated to produce more extracellular matrix (ECM) proteins and en-
hance tissue quality and integrity by the use of biochemical and environmental cues.
In Chapter 5 the separate and combined effect of insulin and low oxygen tension, or
hypoxia, on tissue composition and mechanical behavior were evaluated. Remarkably,
exposing the cells and ECM to hypoxia in a 3D environment considerably improved
the strength and stiffness of engineered heart valve tissue, and was associated with
higher collagen and cross-linking values. Similar effects were observed in different
cell types of various 2D and 3D studies. In previous in vitro monolayer studies (2D),
hypoxia was reported to increased cellular proliferation, and upregulate collagen I/III
mRNA expression (Moussavi-Harami et al., 2004; Scherer et al., 2004). In human
adipose derived and mesenchymal stem cells, hypoxia induced significant increases
in protein synthesis, and higher expression of differentiation markers compared with
normal oxygen conditions in 2D and 3D environments (Wang et al., 2005; Grayson
et al., 2006). Furthermore, fibroblast cells from various sources showed increases at
the mRNA and protein level in fibronectin, collagen I and collagen IV under hypoxic
conditions (Durmowicz et al., 1994; Chen et al., 2005).
To elucidate the underlying mechanism of hypoxia related protein expression, Falanga
et al. (1993, 2002) investigated the role of transforming growth factor β1 (TGF-β1) in
collagen expression pathways. Interestingly, it was demonstrated that the upregula-
tion of Col1α mRNA levels failed to occur in fibroblasts from TGF-β1 knock-out mice.
It was postulated that low oxygen tension stimulates collagen synthesis and Col1α
transcription through the action of TGF-β1. Although TGF-β1 is naturally present in
vivo, and it may appear an interesting additive, it may not be a suitable supplement
for TE, as it is known for its potentially oncogenic effect (Leivonen and Kahari, 2007).
The addition of insulin resulted in an upregulation of collagen and GAGs, in particu-
lar during the first two weeks of culture (This thesis, Chapter 5). Increased protein
synthesis upon addition of insulin were also reported in cardiac myocytes, cardiac
fibroblasts, and aortic smooth muscle cells (Zimmermann et al., 2002; Neidert et al.,
2002; Tokudome et al., 2004; Naito et al., 2006). Apart from the increase in protein
synthesis, the enhancing effect of insulin on tissue development may be related to
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the abundant presence of GAGs in the insulin constructs. As GAGs possess gel-like
properties, they might entrap the newly synthesized collagen fibrils, hereby acceler-
ating tissue formation. This feature may be valuable in the initial culture phase to
maximally retain the newly produced structural proteins, after which remodeling and
maturation can be enhanced by mechanical stimuli or hypoxia.
It can be concluded that hypoxia is a useful tool in tissue engineering, perhaps be-
cause it provides a better representation of in vivo oxygen supply to the cells. The
next step towards functional TE heart valves for systemic applications would be to
develop a protocol that combines the favorable effects of insulin and hypoxia with
dynamic conditioning of the tissue, successively or simultaneously. This combination
of mechanical and environmental cues may lead to both improved tissue strength,
and anisotropic mechanical properties.

6.3.3 Scaffold design

Scaffold design is crucial for successful tissue engineering. In chapter 4 the feasibility
of a slow degrading polymer scaffold, electrospun poly-ε-caprolactone, was evalu-
ated for cardiovascular TE, and compared with the currently used rapid degrading
polyglycolic acid/poly-4-hydroxybutyrate (PGA-P4HB) scaffold. Optimization of the
spinning parameters was necessary, as fiber thickness of the PCL scaffold appeared
highly correlated with cellular infiltration. Despite the attractive features of nano-
fiber scaffolds, cellular infiltration was impeded in thin fiber scaffolds (Chapter 4).
These findings argue for a shift from nano to micro fiber meshes for use in 3D TE
applications.
After optimization of the electrospun PCL scaffold, it allowed for proper cell ingrowth
and ECM biosynthesis, while retaining elastic properties and mechanical integrity.
Slow degrading PCL scaffolds appear a promising alternative to PGA-P4HB scaffolds,
specifically for TE blood vessels and the outer wall of a TE heart valve, where ex-
ternal mechanical support is desired over a longer time. For applications such as
TE heart valve leaflets, where the scaffold is prone to constant movement, the rel-
atively large stiffness of the scaffold material may obstruct blood flow to a certain
degree. By way of comparison, the native heart valve leaflets are quite flexible as a
whole, allowing blood flow through the valve with minor resistance. Only when the
stresses in the leaflet exceed certain threshold values, the collagen structure in the
leaflet locks, and the valve becomes stiffer. This non-linear material behavior may
be difficult to capture in a scaffold material, however, improvement of the scaffold
design (e.g. native-like layered structure) may enhance its functionality. All things
considered, electrospinning allows the relatively easy fabrication of tailor-made scaf-
fold geometries and structures, which will be valuable for future patient-specific TE
applications.

In conclusion, both strategies have led to interesting prospects for different appli-
cations in TE. For heart valve TE, the scaffold may be constructed of a combination of
PGA-P4HB leaflets and an electrospun PCL aortic root to profit from both polymers,
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while cultured under hypoxic conditions to promote tissue strength. This may pro-
vide an interesting approach towards systemic application of autologous non-stented
heart valves.

6.4 Future perspectives and recommendations

6.4.1 Standardization of the culturing protocol

During tissue culture, specific factors and stimuli are required to simulate the physio-
logical environment and to induce functionality of cells and tissue. Low oxygen ten-
sion in the medium, equivalent to that in arterial blood, is one example that resulted
in significant improvement of tissue strength during culture (Chapter 5). Besides hy-
poxia, a variety of external and cell-associated conditions may influence the outcome
of TE experiments.
Various factors that may contribute to discrepancies between TE experiments are cell
source, seeding density, frequency of medium change, batch-variability of additives,
cell passage number, etcetera. This may explain the high variability in tissue charac-
teristics that were observed between different experiments. For example, in Chapter 4
and 5 the same model system was used, however, large variations in mechanical prop-
erties were present between the experimental groups after 4 weeks. These variations
may be attributed to the cell seeding density, as this was the only obvious difference
between the experiments. Similar findings were reported previously by Mol (2005).
To limit the discrepancies between experiments, standardization of culturing methods
is crucial.

6.4.2 Optimization towards clinical applications

Although clinical applications of TE heart valves is not yet in order, results from in
vitro experiments and animal models offer promising prospects. The translation of
animal models to humans, as well as patient-specificity are crucial items that should
be investigated prior to future clinical applications in humans. Various improvements
that may be introduced in the culturing protocol, are described in this section.

Elastin

To achieve improved tissue strength for the systemic application of TE heart valves,
the collagen architecture was the primary focus of attention. In native heart valves,
elastin is another critical structural and regulatory matrix protein, responsible for the
tissues flexibility and returning to the undeformed state (Schoen, 1997). This protein
was not investigated in the present study. The presence of elastin may optimize the
tissue structure and contribute to the functional behavior of the valve. Therefore, the
possibilities to promote elastin production, by growth factors or other stimuli, will be
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investigated in future TE research.

Patient specificity and cell source

Differentiation markers may be used as an indicative tool to predict the synthetic
or proliferative capacities of a cell source. Some myofibroblast differentiation mark-
ers are α-smooth muscle actin, vimentin, calponin, desmin, and caldesmon (Zalewski
et al., 2002; Opitz et al., 2004; Schmidt et al., 2005). The expression level of these dif-
ferentiation markers in human venous myofibroblasts can be influenced with external
factors, such as environmental and mechanical stimuli (Zalewski et al., 2002; Hinz,
2006). However, the diversity of these cells, in terms of morphology, growth and
protein synthesis may be high among different cell donors, and varying expression of
growth regulatory genes may be expected. Therefore, mapping the fenotype markers
for each cell source prior to tissue culture, may provide an insight in the cell-specific
requirements to optimize the outcome of a TE product. Additionally, cells from each
patient could be screened for gene expression (e.g. for collagen, various enzymes),
to predict the protein expression level of the cells in tissue culture. Based on these
predictions the culturing protocol may be adapted to patient-specific requirements.
For example, cells with low collagen I or α-SMA expression may be stimulated with
additional growth factors or mechanical stimuli (Hinz, 2006).
Furthermore, patients may provide autologous serum to be used during cell and tis-
sue culture. Currently, culturing human cells occurs with medium supplemented with
the fetal bovine serum. Animal-derived products should ideally be omitted regarding
their association with zoonoses (Knight and Collins, 2001). The use of autologous
human serum and fibrin would reduce the amount of foreign body substances in the
cultured tissue, hence decrease the risk of immunological responses after implanta-
tion.
The optimal cell source for TE purposes may be patient specific. Constructs from
saphenous vein derived myofibroblasts were reported to show excellent in vitro tis-
sue generation, in terms of collagen formation and the tissues’ mechanical properties
(Schnell et al., 2001; Mol et al., 2006). Saphenous vein is easy to access for adult
and pediatric patients, however for neonatal patients with congenital heart valve dis-
orders this is hardly an option. Schmidt et al. (2005, 2006, 2007) demonstrated the
feasibility to generate living autologous heart valve leaflets using umbilical cord stem
cells, as well as amniotic fluid derived progenitor cells as single cell sources. Both cell
types possessed the ability to differentiate into myofibroblasts- like cells and endothe-
lial cells. Although similar mechanical conditioning protocols, as described by Mol
et al. (2006), were used, tissue strength and collagen synthesis were considerably be-
low native values. In view of the different physiological cellular niche compared with
the adult saphenous vein myofibroblasts used by Mol et al. (2006), these cell types
may require different mechanical or environmental stimuli to improve their in vitro
development. Nevertheless, these cell sources have promising prospects for neonatal
patients, as they can be harvested amply before birth, enabling the prenatal fabrica-
tion of autologous heart valves.
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Translations from bench to bed-side

Geometrical differences between scaffolds (rectangular strips, heart valve geometries)
may be associated with different cellular responses. The cells in a rectangular tissue
strip, as described in this thesis, may respond differently to environmental or mecha-
nical stimuli, than those in a heart valve geometry. Therefore, the effects of these
stimuli should additionally be evaluated in TE heart valves, preferably cultured in a
bioreactor with controlled mechanical loading (Kortsmit et al., 2006). Furthermore,
the translation from a adult-sized valve to a neonatal or pediatric valve may also re-
quire adaptations of the culturing protocol. This specifically regards the magnitude of
applied loading and the dynamical conditioning frequency, as changes in mechanical
loading occur during in vivo development of the valve.
Finally, it remains to be questioned whether the bench-marks developed from adult
native human tissue may be used universally. As mentioned previously, neonatal
or pediatric TE heart valves may not need to approach adult native tissue to func-
tion adequately. Oppositely, for a patient with severe hypertension a TE heart valve
may require higher strength and stiffness than the bench-mark values obtained from
healthy individuals. The reasoning above argues for a patient-specific approach in the
fabrication of TE heart valves.

6.5 General conclusions

One of the main challenges in this thesis was to create heart valve tissue equiva-
lents that approach native tissue characteristics. As a first step, quantitative bench-
marks based on mechanical characteristics of native human aortic valves were de-
fined. Two approaches, based on scaffold design and environmental cues, were suc-
cessfully adopted to create stronger engineered tissues.
In this thesis it was demonstrated that engineered heart valve tissue could reach
mechanical characteristics of native adult aortic valves by culturing under hypoxic
conditions. Engineered tissues, based on rapid degrading polymers, of such strength
have not been achieved up to now, therefore, oxygen tension may be considered a
key parameter to promote tissue formation by human venous myofibroblasts. This
development brings the potential use for systemic applications a step closer, and can
be considered an important improvement in heart valve tissue engineering.
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Samenvatting

Een veelvoorkomende behandelmethode ter verbetering van de klepfunctie bij verge-
vorderde hartklepziekten, is een hartklepvervanging. Hoewel huidige klepvervangin-
gen in de vorm van mechanische of biologische prothesen relatief goed functioneren,
brengen deze kleppen aanzienlijke risico’s en nadelen met zich mee. Een belangri-
jke tekortkoming van huidige hartklepprothesen, in het bijzonder voor kinderen, is
dat deze niet meegroeien, zich aanpassen of repareren, zoals natuurlijk weefsel dat
doet. Om deze reden wordt de multidisciplinaire aanpak van tissue engineering als
veelbelovende techniek gezien voor een nieuwe generatie hartklepprothesen. Het
concept van tissue engineering is gebaseerd op het zaaien van patiënt-eigen cellen
op een biodegradeerbaar dragermateriaal, dat vervolgens wordt gestimuleerd om te
groeien en ontwikkelen in een fysiologische kweekomgeving. Hiermee kan nieuw
levend weefsel in de vorm van een hartklep worden gemaakt dat als vervanging kan
dienen voor de zieke hartklep. Deze nieuwe prothese is lichaamseigen, en zal daarom
geen afstotingsreacties met zich mee brengen. Bovendien is het levend weefsel dat
mee kan groeien en dat zich kan aanpassen aan veranderingen. Hoewel succesvolle
implantaties van gekweekte hartkleppen hebben plaatsgevonden in dierstudies aan
de pulmonaire positie van het hart, waren deze kleppen nog niet voldoende sterk
voor de aorta positie. Daarom is een belangrijke uitdaging in het kweken van func-
tionele hartkleppen het nabootsen van de eigenschappen van natuurlijke hartkleppen,
die het duurzaam functioneren in het lichaam waarborgen.

Een belangrijke vraag voor toekomstige klinische toepassingen bij patiënten is:
Hoe goed is goed genoeg voor succesvolle implantatie van tissue-engineerde hart-
kleppen? Het eerste doel van dit werk was het definiëren van kwalitatieve en kwan-
titatieve criteria om te kunnen bepalen wanneer deze klepvervangingen geschikt zijn
voor implantatie in patiënten. In dit proefschrift werden deze criteria gebaseerd op
mechanische en structurele eigenschappen van gezonde humane volwassen aorta-
kleppen. In natuurlijke kleppen is de collageenvezel architectuur de belangrijkste
matrixcomponent die verantwoordelijk is voor het dragen van de hoge drukbelast-
ing in de aorta. Derhalve is kennis over de functie van collageen in relatie met het
mechanische gedrag van natuurlijk hartklepweefsel een belangrijke onderzoeksfocus
geweest om criteria te kunnen definiëren voor tissue-engineerde hartkleppen.
De relatie tussen mechanische eigenschappen en collageen organisatie (hoeveelheid,
mate van cross-linking, en fibril morfologie) werd bestudeerd in humane aortaklep-
pen op globaal en locaal niveau. Vervolgens werden de mechanische eigenschap-
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pen van de kleppen, verkregen door middel van trekproeven, gecorreleerd aan col-
lageengerelateerde parameters (i.e., relatieve hoeveelheid en cross-link concentratie).
Hieruit volgde dat collageen cross-links, in tegenstelling tot de hoeveelheid collageen,
sterk gecorreleerd bleek aan de weefselstijfheid in de humane aortakleppen. Door
deze bevindingen is het aandachtsgebied ter verbetering van de mechanische in-
tegriteit van gekweekte weefsels specifieker gericht op de relevantie van cross-links.
Een andere kwestie die in het onderzoek aan de orde kwam was de vraag hoe en
in welke mate mechanische belasten de collageen fibrilmorfologie benvloedt. Om
te bepalen hoe locale spanningen de collageen fibril diameter, de diameterverdeling,
en de fibrildichtheid benvloeden, werden deze parameters bestudeerd in humane
aortakleppen met behulp van transmissie elektronen microscopie. Het mechanische
gedrag van de kleppen werd gemplementeerd in een mathematisch model om de
spanningsverdeling in de klepvliesjes te voorspellen tijdens maximale fysiologische
belasting. De resultaten hiervan toonden aan dat hoge spanningen in het weefsel
geassocieerd waren met dikkere fibrillen, een lagere fibrildichtheid en een grotere
spreiding in fibrildiameter. Deze bevindingen brengen inzicht in het effect van mech-
anisch belasten op de collageen architectuur, en zijn derhalve waardevol voor het
optimaliseren van mechanische conditioneringsprotocollen voor tissue engineering
van hartkleppen.

Het tweede doel van dit proefschrift was het verbeteren van de mechanische
eigenschappen van gekweekte weefsels richting de karakteristieken van natuurlijke
humane aortakleppen. Deze karakteristieken werden beschouwd als objectieve cri-
teria voor tissue-engineerde kleppen. Twee strategieën zijn toegepast in het tissue
engineering protocol om dit te bereiken. De eerste aanpak had betrekking op een
aanpassing van het scaffold design met als doel een langdurige mechanische onders-
teuning in de gekweekte weefsels. Het scaffold materiaal wat op dit moment gebruikt
wordt is een netwerk van een snel afbreekbaar polymeer (polyglycolic acid gecoat met
poly-4-hydroxybutyrate - PGA-P4HB). Dit materiaal breekt binnen enkele weken af,
en zal hierdoor geen mechanische steun geven na implantatie. Aangezien sommige
tissue engineering toepassingen deze scaffold ondersteuning juist nodig hebben, is
de geschiktheid van een langzaam degraderende polymeer scaffold- gemaakt van
electrogesponnen poly-ε-caprolactone (PCL)- geëvalueerd voor cardiovasculaire tis-
sue engineering, en vergeleken met de PGA-P4HB scaffold. Na optimalisatie van de
electrogesponnen PCL scaffold bleek deze goede celingroei en biosynthese van ex-
tracellulaire matrix te vertonen, terwijl de elastische eigenschappen en mechanische
integriteit behouden bleef. De electrogesponnen PCL scaffolds bleken veelbelovende
alternatieven op PGA-P4HB scaffolds, in het bijzonder voor tissue-engineerde bloed-
vaten en de wand van een gekweekte aortaklep, alwaar mechanische ondersteuning
voor langere duur gewenst is. De tweede aanpak ter verbetering van de mechanische
sterkte van de gekweekte hartkleppen, was gericht op het stimuleren van weefsel-
groei en ontwikkeling door middel van biochemische impulsen. Na een evaluatie van
biochemische factoren, bekend van hun stimulerende effect op eiwitsynthese in vivo
of in vitro, zijn insuline en hypoxia gekozen voor lange termijn tissue engineering
experimenten. Een fysiologisch relevante zuurstofspanning, aanzienlijk lager dan tot
dan toe gebruikt in experimenten, en insuline supplementen werden gebruikt tijdens
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de groei van hartklepweefsel om de sterkte hiervan te verbeteren. Zowel insuline als
hypoxia waren verantwoordelijk voor meer matrixproductie en betere mechanische
eigenschappen, maar een synergistisch effect werd niet waargenomen. Hoewel de
hoeveelheid collageen en cross-links in de gekweekte weefsels nog lager waren dan in
natuurlijke humane hartkleppen na vier weken kweken, bleken de weefsels gekweekt
onder hypoxische condities de sterkte en stijfheid van natuurlijke kleppen geëvenaard
te hebben. De hypoxisch gekweekte weefsels waren zelfs tweemaal zo sterk en stijf
als de weefsels gekweekt met normale lucht. Deze resultaten impliceren dat zuurstof-
spanning een cruciale parameter is om de mechanische eigenschappen criteria van
natuurlijke kleppen te behalen in tissue-engineerde hartkleppen. Gekweekte weef-
sels, gebaseerd op een snel degraderende scaffold, met deze sterkte waren tot nu toe
niet behaald. Deze bevindingen brengen de toepassing van een gekweekte aortaklep
dichterbij, en kunnen worden beschouwd als een belangrijke stap in hartklep tissue
engineering.
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