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Summary 
 
The aortic valve is situated at the origin of the aorta. The valve can present 
pathological features which can lead to life-threatening valvular disease. A common 
treatment for aortic valve failure is replacement by a valve prosthesis. Currently used 
aortic valve prostheses can derive either from human sources, animal tissues, or be 
synthetic in nature. Each type of prosthesis has its own limitations but all lack the 
ability to grow, repair, and remodel. The concept of tissue engineering offers a solution 
to this problem; in theory, it yields valves that are completely autologous after the 
scaffold they were cultured on has been biodegraded. The procedure of tissue 
engineering, as it is described in this thesis, involves donation of saphenous vein cells 
by a potential valve recipient, that are cultured in vitro until a sufficient amount of cells 
is obtained to seed onto a valvular scaffold. The cell-seeded scaffold is cultured in vitro 
for four weeks, after which it has developed into a valve that can be implanted into the 
recipient. After the scaffold has completely been degraded, the valve is autologous and 
theoretically not rejected by its host. Currently tissue engineered valves, based on 
synthetic scaffolds, have been tested in vivo in the pulmonary artery of animals, where 
pressure gradients are seven fold lower than in the aorta.  
 
The goal of this research is to develop and investigate a strong valvular scaffold for a 
tissue engineered valve that is able to withstand aortic conditions. This scaffold is 
made of a knitted poly(ε-caprolactone) valve, covered with fibrin gel. 
 
The degradation of poly(ε-caprolactone), (PCL), has been found to occur in at least two 
stages. In the first stage bulk PCL is hydrolyzed non-enzymatically. This is followed 
by fragmentation of the polymer and phagocytosis of the fragments by macrophages. 
The final metabolite of PCL is removed from the body. The PCL that was used in this 
study, was estimated to biodegrade within 27 months of implantation and has been 
reported to only evoke a mild inflammatory response after implantation in animals. 
Culture of cells, encapsulated in fibrin gel, provides an efficient cell seeding procedure 
and yields homogeneous tissue with a mature extracellular matrix. Furthermore, fibrin 
gel plugs the relatively large pores in the knitted valvular scaffold and enables cells to 
overgrow these pores. 
 
Tests in a newly developed loading device, showed that the knitted scaffold remained 
intact after ten million loading cycles. Not only is the knitted scaffold strong, the fibrin 
gel and the poly(ε-caprolactone) are both biocompatible to human myofibroblasts. 
When the knitted, fibrin covered polycaprolactone scaffold was placed inside a 
physiologic pulse duplicator, it showed proper opening and closing behavior, but 
considerable leakage under aortic circumstances when not seeded with cells.  
 
When the knitted PCL scaffold was compared to an electrospun PCL scaffold in a 
tissue engineering process, the pores in the knitted scaffold were shown to be fully 
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overgrown by cells, but were too large to retain all the cells during the seeding process, 
resulting in cell spoilage. By contrast, the pores in the electrospun scaffold were too 
small for cellular ingrowth and its performance inside the physiologic pulse duplicator 
was poor. Indeed the electrospun valve ruptured within six hours. The knitted scaffold 
remained intact. To enhance cellular attachment and retainment of the knitted structure, 
the valve was consequently knitted out of a more fluffy yarn and treated with a sodium 
hydroxide solution. 
 
A new bioreactor was developed that enables mechanically stimulated stentless valve 
culture. Two groups of valves, that were based on the more hydrophilic knitted 
structure, were cultured in this bioreactor. The first group of valves was strained in 
diastolic position, while visual recordings were made of the valve bellies and the 
pressure difference over the valve was determined. The second group of valves was 
only perfused with culture medium. From the images made of the valve bellies, strains 
were calculated to be large at a low pressure difference over the valve. Furthermore, 
controlling the magnitude of the imposed strains was very difficult. Perfusion-based 
cultured valves showed better tissue formation and performed better under aortic flow 
and pressure circumstances than their strain-based counterparts. 
 
Eight valves, based on fibrin coated, polycaprolactone knitted structures, were cultured 
under perfusion. After four weeks all valves were completely overgrown by cells and 
all valves remained intact during in vitro flow behavior testing. Seven of these valves 
opened and closed properly under aortic circumstances although their closing volume 
was larger than that of the reference valve, a porcine stentless prosthesis. Seven of the 
valves did not show leakage and five valves had a regurgitant fraction under 10%, the 
ISO defined acceptable level for non-active aortic valve substitutes. 
 
It is possible to make in vitro functional tissue engineered aortic valves, based on a 
knitted scaffold. These valves withstand aortic flow- and pressure circumstances. What 
the in vivo behavior of these valves will be and how the valvular tissue will have 
developed once the scaffold has been degraded, remain areas to be investigated. 



 

Chapter 1 
1 Introduction 
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1.1 The aortic valve 

The aortic valve, positioned between the left ventricle and the ascending aorta, consists 
of three cusps, attached to the aortic wall like half-round pockets to a jacket (Figure 
1.1). The aortic valve can be heard when it closes; it is the secondary beat of a 
heartbeat. It opens and closes 70 times per minute on average; equivalent to 
approximately 100.000 times a day and 37 million times a year [1]. When the left 
ventricle is in its systolic phase, it contracts to eject the blood from the heart into the 
aorta; the valve opens. When in diastole the valve closes, the three cusps meet in the 
middle at a thickened area on each of the leaflets, called the nodes of Arantius. The 
node of Arantius is part of the surface where in diastole the leaflets make contact; the 
coaptation area. Behind the three cusps three cavities can be found, termed the sinuses 
of Valsalva. In two of these sinuses a coronary artery rises, hence the cusps are called 
the left coronary cusp, right coronary cusp and non-coronary cusp. The crown-shaped 
fibrous line of attachment of the leaflets to the aortic wall is called the annulus 
fibrosus. The three areas where two adjacent leaflets are attached to the aortic root are 
the commissures [2]. 
 

 

 

 
 
Figure 1.1. a) Schematic picture of two of the three leaflets and corresponding sinus 
walls of the aortic valve in closed configuration. Coronary arteries are not shown. c – 
commissure, f – free edge, s – sinus wall, l – leaflet belly. b) From [2], with 
permission: porcine aortic valve leaflet (Van Gieson’s picrofuchsin; original 
magnification x5) 
 
1.1.1 The cardiac cycle 
A pressure versus time relationship of the cardiac cycle is given in Figure 1.2. Valve 
leaflets bend towards the aorta just before the ejection of blood out of the left ventricle 
begins [3]. When aortic flow decelerates, the valve gradually closes. At zero blood 
flow, the valve is closed for 80%. Finally, a small reverse flow, the closing volume, 
completes closure of the valve [4]. The mechanical load that is carried by the aortic 
valve is mainly a result of the pressure difference over the valve. The difference 



Introduction 

 5

between aortic and ventricular pressure reaches its maximum at the beginning of 
diastole. It decreases almost linearly in time until the valve opens again. 
 

 
Figure 1.2. Pressure versus time plot of two cardiac cycles. 
 
1.1.2 Embryonic heart valve development  
In utero, an embryonic aortic valve starts to develop after 40 days of gestation [5]. Its 
leaflets come into being as thickened cushions in the aortic wall. They grow towards 
one another in ten days and by the end of the eighth week they are thinner and more 
delicate in structure. The remaining part of fetal heart valve development involves the 
elongation and thinning of the leaflets and tapering of the valvular edges. Total 
development takes place under pressures of 10 mmHg, hypoxic conditions and a heart 
rate increasing from 65 to 160 beats per minute. 
 
1.1.3 Leaflet structure and function 
The aortic valve leaflets consist of three layers, which from the direction of the aorta 
towards the left ventricle are termed the lamina fibrosa, the lamina spongiosa and the 
lamina ventricularis. The three layers consist of four cell types: smooth muscle cells, 
myofibroblasts, and fibroblasts, covered with a surface layer of endothelial cells [6]. 
Smooth muscle cells and myofibroblasts are essentially localized in the fibrosa, 
whereas fibroblasts are uniquely segregated in the ventricularis. Very few blood 
vessels can be found in the very thin leaflets. The vital oxygen and nutrition supplies 
are provided by the blood that bathes the leaflets.  
 
Valvular cells produce extracellular matrix (ECM) or connective tissue. The lamina 
fibrosa is mainly composed of circumferentially aligned, highly organized collagen, a 
structural protein that can carry the load in a closed valve [7]. Collagen content in the 
young adult aortic valve is approximately 55 percent of its dry weight [8]. The collagen 
bundles in the fibrosa are surrounded by a fibrous mesh of elastin, an elastic material 
that allows for very high strains. This elastin complex has the capability to store energy 
during valve loading and returns the collagen structure to its original geometry when 
the load is removed [9]. To a much smaller degree, collagen fibers in the fibrosa are 
also directed in radial direction [10]. The fibrosa is connected to the ventricularis in a 
highly undulated manner. When the two layers are separated from one another, the 
fibrosa extends in radial direction spontaneously.  
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The spongiosa has a high content of glycosaminoglycans, that absorb water and make 
this layer swell. Its spongy cells can dissipate high impact loading during closure of the 
valve and motion of the leaflets. The spongiosa contains loose elastin fibers that stretch 
between the ventricularis and fibrosa. Cellular density in the spongiosa is lowest of the 
three layers [6]. 
 
The ventricularis is rich in elastin, allowing the cuspal base to stretch towards the other 
cusps when the valve closes and making the cusps in the opened valve more aligned to 
the aortic wall, in order to allow more blood to pass the valve. The elastin content is 
approximately 13 percent of the dry weight in a young adult aortic valve [8]. In the 
center of the leaflet, the elastin is organized in a dense sheet that becomes less dense 
towards the edges of the cusp. The ventricularis contains collagen as well, but the 
amount of circumferentially aligned collagen is considerably less than in the fibrosa. 
However, the amount of radially aligned collagen fibers is similar to that in the fibrosa 
[10]. 
 
 Erad (MPa) Ecir (MPa) References 
Human 1.7 - 2.3 3.5 - 15.3 [11,12,13] 
Porcine 1.1 – 4 3.4 - 18.0 [14,15,16,17,18] 
 εrad (%) εcir (%)  
Human 23.9 12.8 – 18.4 [11,13] 
Porcine 33 – 83 12.8 - 50 [15,16,17] 

Table 1.1. E-modulus beyond transition point (E) and extensibility (ε) of human and 
porcine aortic valve strips  in both radial (rad) and circumferential (cir) direction. 
 
1.1.4 Mechanical properties 
Aortic valves are highly anisotropic in nature. At a valve pressure difference of 80 
mmHg, biaxially tested mean strains in the circumferential and radial directions in a 
porcine valve are 11% and 24%, respectively [19]. The stress-strain curve of a strip of 
leaflet shows an almost linear initial phase of the curve, in which the stress slowly rises 
in association with the increase of the strain. The latter phase of the curve exhibits a 
very steep increase in stress for a small increment in strain. The inflexion point of the 
curve, termed the transition point, corresponds to the straightening of the folding 
pattern of the collagen fibers, which start to provide a higher resistance to stress. A 
broad range of values for the transition strain and for the E-modulus beyond the 
transition point have been reported. When the ventricularis is separated from the 
fibrosa, each layer can be seen to demonstrate a higher stiffness circumferentially than 
radially. In the elastin-rich ventricularis, however, radial extensibility is higher than 
circumferential extensibility. The fibrosa shows equal extensibility of 20% in both 
directions, but because the fibrosa is attached to the ventricularis in a folded manner, 
radial extensibility of the whole leaflet can be higher (Table 1.1). 
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1.2 Valve replacement 

The function of the aortic valve can be impaired in many ways, but common 
pathologies include stenosis, where the cusps can become unable to fully open, and 
regurgitation, which involves leakage as the leaflets become unable to fully close. Both 
situations cause an extra load on the left ventricle, a process that ultimately causes 
heart failure. A common treatment for aortic valve failure is aortic valve replacement. 
Each year over 275,000 heart valves are replaced worldwide [20]. In 1995, the 
associated costs were 550 million US dollars [21]. The replacing valves that are 
generally used for heart valve replacement are summarized in Table 1.2. 
 
Animal: 
(xenograft)  
 
 
Human: 
(homo- or allograft)  
 
Autologous: 
(autograft) 
 
Artificial:  

Glutaraldehyde-pretreated stented porcine aortic valve 
Glutaraldehyde-pretreated nonstented porcine aortic valve 
Glutaraldehyde-pretreated bovine pericardial valve 
 
Cryopreserved aortic valve 
 
 
Pulmonary valve to aortic valve transplant (Ross procedure)
 
 
Mechanical valve 

Table 1.2. Prostheses used for the replacement of the aortic valve. 
 
Bioprostheses (animal valves or xenografts) are preserved by glutaraldehyde into a 
fixed configuration by crosslinkage of the available proteins. Consequently, the cells in 
a bioprosthesis are non-viable and are unable to grow, repair and remodel. Endothelial 
cells are lost completely during the crosslinking process. The microstructures of the 
valve are fixed in at best one phase of the cardiac cycle, usually diastole, when the 
valve is closed. Crosslinked proteins can serve as foci for subsequent calcification. 
These characteristics make bioprostheses not only less suitable to replace the natural 
valve, but prone to valve deterioration, resulting in valve failure. This necessitates a 
further operation. Porcine aortic valves need to be replaced within 10-15 years on 
average although in patients under 35 years old, this value may be only 5 years [22]. 
 
Human aortic valves are obtained from human cadavers and stored in the vapor over 
liquid nitrogen. Their biggest disadvantage is their rarity because of donor shortage. 
Recipients of an allograft do not require anticoagulation therapy, but the complication-
free period of time is comparable to that of patients with a bioprosthesis. Among those 
who investigated cell viability in homografts, no consensus has been reached 
concerning the extent of cell viability within these human aortic valves [23,24,25]. 
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The pulmonary valve of the host can be used as a replacement for the aortic valve, an 
operation commonly referred to as the Ross procedure [26]. The former pulmonary 
valve is usually replaced by a pulmonary homograft. This procedure is mainly applied 
in children and young adults who suffer from a congenitally aberrant aortic valve. 
Results are very good [27,28]. For example, in the Netherlands survival at one year has 
been recently reported at 96% and, by seven years, freedom from any valve-related 
intervention is 88%. 
 
Mechanical valves, although in general structurally more reliable than animal tissue 
valves, have their own disadvantages. For example, due to the thrombogenic surface of 
a mechanical valve, the host patient needs to be on lifelong anticoagulation therapy, 
which can lead to unwanted bleeding or thrombus formation [29]. Furthermore, a 
mechanical valve can cause damage to red blood cells [30] and, although this is not 
always experienced as a nuisance, it can produce noise that is heard by the host patient 
[31].  
 
 
1.3 Tissue engineering 

Tissue engineering may be defined as either the in vitro construction of new tissue out 
of its cellular components or the science of persuading the body to regenerate or repair 
tissues that fail to regenerate or heal spontaneously [32]. The general concept of tissue 
engineering involves cell donation by the potential host of engineered tissue. The 
purified [33], donated cells proliferate in vitro until a sufficient quantity of cells is 
obtained to seed them onto a scaffold. While the cell-scaffold construct is developing, 
it can be stimulated e.g. chemically, by growth factors in the culture medium or by 
bioactive molecules attached to the scaffold, or mechanically by subjecting the 
construct to fluid flow or mechanical strain. Once the developed tissue is suitable for in 
vivo circumstances, it is implanted into the host. Since the ideal strategy involves the 
development of autologous tissue, the use of the scaffold is temporary and degradation 
can occur over time. The individual components will be discussed separately. 
 
1.3.1 The cells 
The cells used for tissue engineering of aortic valves ideally are autologous, in order to 
exclude immunorejection of, or pathogen transmission [34] by the valve. Cells can be 
derived from primary tissues, e.g. saphenous vein cells or cells from the radial, 
mammary, or carotid artery [35,36]. From these four possibilities the venous 
myofibroblasts are preferable, since they have been demonstrated to show an increased 
proliferation in monolayer culture and an increased extracellular matrix formation in 
three dimensional constructs, compared to artery-derived myofibroblasts [37]. 
Disadvantages of deriving cells from primary tissues are the fact that the vessels from 
which cells are taken are damaged during the process and the possibility that the cells  
express a different phenotype than natural valvular interstitial cells [38]. Another 
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drawback is that the vessels from donors suffering from vascular disease may not 
provide a suitable cell source. An alternative promising cell source is bone marrow 
[39]. Human bone marrow stromal, or mesenchymal stem cells (MSCs) are easy to 
obtain and have been reported to lead to functional tissue engineered heart valves in 
which the MSCs demonstrated characteristics of myofibroblast differentiation [40]. 
Embryonic stem cells are another potential cell type for tissue engineering, but the 
process of differentiation into valvular type cells is difficult to control [20]. The use of 
pluri- or omnipotent cell types as a cell source for tissue engineering is an active area 
of research and its potential has not yet been fully established. 
 
1.3.2 Scaffolds for valvular tissue engineering 
For tissue engineering of the aortic valve adequate scaffold properties are needed. The 
scaffold must provide both adhesion sites and geometric guides for the seeded cells, 
and temporarily bear the stresses exerted on the neotissue. Since an aortic valve is 
exposed to relatively high stresses, it is important that these stresses are distributed 
effectively over the load-bearing structures. A scaffold can play a vital role in this 
process; it can carry loads while the tissue is developing its own load-bearing 
structures and when a valvular scaffold is designed effectively, it can transfer stresses 
from the thin valvular leaflets to the strong aortic wall, protecting the cusps from 
rupture. Besides mechanically reliable, a scaffold must provide a cellular environment 
that does not hamper - and ideally enhances - proliferation and extracellular matrix 
production. The scaffold must provide the appropriate surface chemistry for cell 
attachment and the optimum pore size for cellular ingrowth.  
 
In general, three different groups of valvular scaffolds are used: based on (1) 
decellularized tissue such as human or porcine heart valves or pericardium, (2) 
naturally occurring materials [41] such as collagen [42] or fibrin [43], (3) synthetic 
polymers, or a combination of these possibilities [44]. 
 
When decellularized tissue is used as a scaffold material, cells are either seeded onto 
the scaffold in vitro, or the scaffold is presumed to be recellularized in vivo by 
circulating cells. Booth et al. [45] and Cebotari et al. [46] used decellularized porcine 
and human valvular matrices, respectively, as scaffolds to culture autologous cells on 
in vitro. These scaffolds offer very realistic geometries and valve characteristics are 
preserved provided that a proper decellularization method is used. When this is not 
achieved, cell remnants may evoke immunogenic responses in the host or cause 
calcification [47] or extracellular matrix alterations result in changed mechanical 
properties of the valve [48]. 
 
Both Shi et al. [49] and Daamen et al. [50] created a scaffold out of the building blocks 
of the extracellular matrix of a natural valve, namely collagen, elastin, and 
glycosaminoglycans. It seems a straightforward choice to use the components that 
nature uses, but both techniques are very complex to perfect. As an alternative, 
Jockenhoevel et al. [43] have made a fibrin gel valvular scaffold. Fibrin gel can be 
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autologous and its degradation can be controlled by the addition of medium 
supplements [51]. Collagen has been used as a scaffold in several forms [42,52].  
 
Synthetic polymers can be produced and reproduced on demand which exhibit a large 
range of mechanical and biological properties. A commonly used class of synthetic 
polymers are polyesters, of which numerous are biodegradable (Figure 1.3). Typically, 
polyesters with short pendant groups are hard crystalline materials, whereas polyesters 
with longer pendant groups are elastomeric in nature [21]. Common polyesters are 
discussed separately. 
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Figure 1.3. Structural formulas of different scaffold polyesters, all 
polyhydroxyalkanoates (PHAs). a) PGA, b) PLA, c) poly(3-hydroxybutyric acid) or 
P3HB, d) PCL, e) P4HB, f) poly(3-hydroxyoctanoate), (PHO). 
 
1.3.2.1 PGA 
In the 1970s the biodegradable suture material polyglycolic acid (PGA) was introduced 
as an FDA approved biomaterial [53]. Its degradation product (glycolic acid) is either 
excreted in the urine or metabolized into carbon dioxide, which is expired from the 
body. PGA is a highly crystalline, simple linear aliphatic polyester (Figure 1.3). It is 
synthesized either in an organic reaction [54] or by micro-organisms [55]. In vivo 
PGA, due to its high hydrophilicity, loses its strength rapidly as a result of hydrolysis, 
typically within 4 weeks after implantation. Non-woven scaffolds for heart valve tissue 
engineering have been made out of PGA, as discussed in several studies, e.g. [56]. 
 
1.3.2.2 PLA 
Polylactic acid (PLA) is a more hydrophobic biodegradable polymer. Lactic acid is a 
chiral molecule, of which the L-stereoisomer is mostly used for polymerization 
(creating PLLA or L-PLA). L-PLA is semicrystalline, making it both stronger and more 
brittle than the amorphous D,L-PLA [57]. The tensile modulus of PLA lies in the GPa 
range [57]. Although pure PLA is degraded more slowly than pure PGA, it is much 
brittler in nature. Copolymers made of the two (PLGA) are hydrolyzed more rapidly 
than both of their individual components [58]. For valvular tissue engineering, PLA is 
mainly used in combination with PGA [59,60]. 
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1.3.2.3 PCL 
Poly(ε-caprolactone) is a semicrystalline ductile polymer with a melting point of 58-
63˚C and tensile modulus ranging between 190 and 400 MPa [57,61,62]. It is the 
principle component of Capronor™, a US FDA approved implantable contraceptive 
device [63]. Many types of scaffolds have been produced from PCL, for example for 
the tissue engineering of bone [64] and soft tissues [61]. PCL scaffolds have been 
produced using a variety of methods, such as fused deposition modeling [65], 
electrospinning [64], and salt leaching [66]. 
 
1.3.2.4 Other polyesters 
Several polyesters, either as homopolymers, copolymers, or in combinations with other 
polyesters are used as scaffold materials, such as poly(4-hydroxybutyrate) in 
combination with PGA, (P4HB/PGA) [67], and  poly-3-hydroxyalkanoate-co-3-
hydroxyhexanoate [68]. By combining different materials or making copolymers, the 
range of possible scaffold mechanical properties is extended. A recent study, 
performed by Mol [69] involved valves, cultured on PGA/P4HB scaffolds and tested 
under aortic flow conditions. Although the valves prolapsed when they were exposed 
to physiologic flows due to a sub-optimal geometry, the valves did not rupture during a 
24 hour test.  
 
1.3.3 In vivo studies 
The concept of aortic valve tissue engineering has led to numerous in vivo studies. For 
example, allogenic and xenogenic decellularized valves have been implanted in sheep 
[70,71,72,73,74], dogs [75], rats [76], and humans [77,78], either directly or following 
an in vitro cell seeding phase. The results of these studies, performed with a variety of 
methods, showed that the in vitro cell seeded valves performed better than the non-
seeded ones. In general, decellularized cell-seeded valves, implanted in sheep, showed 
to be haemodynamically functional and were repopulated with cells. However, 
calcification ranged from none to severe findings. By contrast, although the proof of 
principle of in vivo recellularization of decellularized valves might have been 
demonstrated in animal studies [79], it has not always proved successful in humans 
[77]. 
  
Tissue engineered single leaflets and valves, based on polyester scaffolds, have been 
implanted in the pulmonary arteries of sheep. Cells that were used in these studies were 
either (myo-)fibroblasts and endothelial cells [59,67,80,81,82], or mesenchymal stem 
cells [60]. All valves persisted for at least the duration of the studies, that varied from 
three weeks [59] to eight months [60]. The valves were endothelialized and 
demonstrated trivial to mild regurgitation. Extracellular matrix formation and cell 
phenotypes were similar to those in native pulmonary valves. The valves in these 
studies that had been explanted after a prolonged period, showed the characteristic 
three layered structure that is evident in natural valves. 
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1.4 Aim of this thesis 

During a tissue engineering process, the implanted heart valve loses mechanical 
integrity associated with degradation of its scaffold, but gains mechanical integrity due 
to the ability of its cells to create extracellular matrix, specifically collagen fibers 
(Figure 1.1). These two processes must be fine-tuned, so as not to create a mechanical 
integrity gap that results in temporary properties that do not meet tissue demands. 
Indeed, if the neotissue is implanted at a developmental stage at which the scaffold has 
already been degraded but poor collagen deposition and architecture has not yielded a 
strong tissue yet, the valve will fail in mechanical terms. Since in vitro culture time is 
limited, either scaffold degradation must be slow or extracellular matrix production 
must be fast, or both. 
 
The objective of the research, described in this thesis, is to create a tissue engineered 
aortic valve that is fully functional under aortic flows and pressures. The scaffold that 
was chosen for the tissue engineering process is a slowly degrading, knitted 
polycaprolactone scaffold, that was seeded with human vena saphena myofibroblasts 
enclosed in a fibrin gel. 



 

Chapter 2 
2 Polycaprolactone and fibrin 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
The second half of this chapter is based on Fibrin as a cell carrier in cardiovascular 
tissue engineering applications. Mol A, van Lieshout MI, Dam-de Veen CG, 
Neuenschwander S, Hoerstrup SP, Baaijens FPT, Bouten CVC. Biomaterials, 26(16), 
3113-21, 2005 
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2.1 Introduction 

In vitro culture time for tissue engineering is limited, mainly due to the risk of 
contamination. Nevertheless, the desired result is engineered tissue that has mechanical 
properties suitable for implantation. We hypothesized that a scaffold should be strong 
and slowly degrading, to allow cells enough time to create extracellular matrix before 
and after implantation, that eventually replaces the mechanical integrity initially 
provided by the scaffold. By using a material with a longer period of degradation, the 
development and remodeling of tissue that surrounds the scaffold is supposed to 
proceed more gradually, without sudden changes in mechanical properties of the 
construct. One of the two scaffold materials that were chosen for this study is poly(ε-
caprolactone), (PCL), because it is a simple linear aliphatic polyester, it is strong and 
ductile [57], FDA approved as an implantable material [63] and easily processed. The 
largest difference with other polyesters used in tissue engineering, such as PGA/P4HB 
[67] or poly-3-hydroxyalkanoate-co-3-hydroxyhexanoate [68] is its slow degradation 
rate. Previous studies merely refer to degradation of PCL as slow, e.g. [83,84], but 
more accurate estimations on the degradation period of PCL based on mechanistic 
studies are hardly found in literature. Nevertheless, research reports on the degradation 
behavior and inflammatory potential of poly(ε-caprolactone) are widely available. 
Furthermore, due to the long degradation period of PCL and its intended persistent 
presence in vivo, the inflammatory potential of PCL is an issue that needs to be 
addressed. This chapter aims to make a more accurate estimation on the degradation 
period of PCL in vivo and its immunogenic potential, based on literature. 
 
The aim of tissue engineering is to yield homogeneous and completely cell-filled 
tissues. The cell seeding procedure is an important factor in this process, as the initial 
cell distribution and cell concentration highly influence tissue development. In 
cardiovascular tissue engineering applications, cells have predominantly been statically 
seeded, by direct injection of a concentrated cell suspension into the scaffold. When a 
scaffold is used that has large pores, it is very difficult to seed cells in an evenly 
distributed manner and high concentration, because such a scaffold does not provide 
adhesion sites throughout its large pores and a cell suspension likely pervades the 
scaffold during the seeding process. To avoid this problem, cell seeding has been 
performed in multiple steps. This has been reported to render large cell yields and 
acceptable cell distribution [85]. However, multiple step cell seeding is a laborious 
process and alternative, single step methods are preferable, such as gel-encapsulated 
cell seeding. This approach has been reported in the tissue engineering of cardiac 
muscle, for which cells were encapsulated in matrigel and injected into collagen 
sponges [86]. For tissue engineering of urinary bladder wall, cells were encapsulated 
into a collagen gel and subsequently poured onto a fiber-based scaffold [87]. Fibrin has 
been used for tissue engineering of cartilage [88], vessels [89] and heart valves [43,90]. 
Fibrin can be obtained autologously, as it is the major component of a blood clot. For 
these reasons, fibrin gel is the second scaffold material chosen for the study described 
in this thesis. As does PCL, fibrin gel potentially influences in vitro tissue 
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development. The extent to and manner in which this occurs is investigated in the 
second half of this chapter.  
 
Both scaffold materials are described in detail in this chapter; a literature study was 
done to investigate the degradation behavior and the immunogenic potential of PCL in 
vitro and in vivo, whereas experimental work was performed to elucidate the effect of 
fibrin on an in vitro tissue engineering process. 
 
 
2.2 Poly(ε-caprolactone) as an implantable polymer 

2.2.1 Introduction  
When the goal of tissue engineering is fully autologous tissue, the scaffold of a tissue 
engineered aortic valve must eventually disappear. This can be achieved by making the 
scaffold biodegradable. Biodegradable materials are defined by Vert [91] as  
 

“Solid polymeric materials and devices which break down due to macromolecular 
degradation with dispersion in vivo but no proof for the elimination from the body 
(this definition excludes environmental, fungi or bacterial degradation). 
Biodegradable polymeric systems or devices can be attacked by biological 
elements so that the integrity of the system, and in some cases but not necessarily, 
of the macromolecules themselves, is affected and gives fragments or other 
degradation by-products. Such fragments can move away from their site of action 
but not necessarily from the body.”  

 
Preferentially, a scaffold is completely removed from the body. This characteristic of a 
scaffold material is called bioresorbability and is defined by Vert [91] as  
 

“Solid polymeric materials and devices which show bulk degradation and further 
resorb in vivo; i.e. polymers which are eliminated through natural pathways either 
because of simple filtration of degradation by-products or after their 
metabolization. Bioresorption is thus a concept which reflects total elimination of 
the initial foreign material and of bulk degradation by-products (low molecular 
weight compounds) with no residual side effects. The use of the word 
bioresorbable assumes that elimination is shown conclusively. 

 
2.2.2 Mechanisms of degradation 
Biodegradable polyesters degrade through hydrolysis. Hydrolysis is the reaction that is 
defined by ‘cleavage of a σ bond by the addition of the elements of water to the 
fragments formed in the cleavage’ [92]. Ester bond hydrolysis can be base or acid 
catalyzed. The mechanism of the acid catalyzed reaction is given in Figure 2.1. 



Chapter 2 

 16

O

O

OH

O

H
O

H

OH

O

OH

OH

O

+

 
Figure 2.1. Ester hydrolysis with a carboxylic end group in its undissociated form 
participating in the transition state [93]. 
 
One of the two metabolites of ester bond hydrolysis is a carboxylic acid, that can 
catalyze further hydrolysis, making this reaction autocatalytic.  
 
Pitt et al. [93] describe the degradation of poly(ε-caprolactone). The degradation speed 
is dependent on the concentration of water [H2O], the concentration of acid [COOH] 
and the concentration of omnipresent ester bonds [E]. Since the degradation of PCL is 
very slow, the extent of the chain cleavage is small and both [H2O] and [E] can be 
assumed constant. The decrease of molecular weight follows a first order relationship: 
 
Mn = Mn

0 exp(-k’t) (2.1)
 
Where Mn = the number average molar mass of PCL, Mn

0 = Mn at t=0, k’= k [H2O][E], 
k = reaction rate constant. 
 
Hydrolysis can also occur enzymatically. The net chemical reaction is the same, but the 
hydrolysis is carried out with high efficiency by enzymes that bring the reactants 
together in the right conformation. PCL was found to be degraded by three different 
lipases: R. delemer lipase [94], Rhizopus lipase [95], and the widely studied 
Pseudomonas lipase [96,97]. The latter enzyme is able to degrade both crystalline and 
amorphous PCL [98]. All three lipases are absent in the cardiovascular system of 
healthy humans, but are important in the environmental degradation of PCL. 
 
According to some research groups [99,100,101] a third degradation mechanism is 
possible. In vivo, hydroxyl radicals can be generated by transition metal ions, peroxide 
and superoxide species of phagocytotic cells in acute or chronic inflammation sites. 
These hydroxyl radicals cause the poly(ε-caprolactone) to degrade. 
 
2.2.3 Surface or bulk degradation 
Polymers can degrade either from the surface inwards, or homogeneously, in the bulk. 
Surface erosion is dependent on sample geometry and surface-to-volume ratio (Figure 
2.2). There is little understanding of the specific degradation mechanisms for each 
polymer. From equation (2.1) it is clear that the degradation rate is dependent on water 
concentration. In the bulk of a hydrophobic polymer, water supply is limited because 
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of low diffusion into the polymer and consequently degradation would be hampered. 
On the other hand carboxylic acids, that are degradation metabolites, have limited 
diffusion out of the polymer [93] and may therefore cause a drastic pH decrease 
locally, increasing the degradation rate. Von Burkersroda et al. [102] have quantified 
these counteracting effects and developed a computational model in which they 
calculate the critical, material dependent dimensions of a polymer sample in vivo. A 
degradable object, smaller than these dimensions, is bulk degraded and a sample with 
larger dimensions is degraded by surface hydrolysis.  
 

 
Figure 2.2. Schematic illustration of the changes a polymer matrix undergoes during 
surface erosion (top) and bulk erosion (bottom). 
 
2.2.4 The degradation mechanism of PCL in vivo 
The degradation of PCL in vivo occurs in two or three stages (Figure 2.3). Pitt et al. 
[93] measured PCL degradation in vivo and in vitro. From GPC measurements at 
different time points the decrease in molecular weight of the PCL was determined and 
plotted against time. From the initial part of the curve up to 110 weeks, a value for k’ 
of 3 x 10-3 day-1 (Equation (2.1) was derived, suggesting that the number of ester 
groups hydrolyzed each day corresponds with 0.3% of the available carboxylic end 
groups, independent of the initial molecular weight of the polymer. In this stage no 
weight loss is observed, because random hydrolytic chain scission rarely produces 
fragments that are small enough (monomers or dimers) to readily diffuse out of the 
PCL bulk.  
 
Bulk hydrolysis was assumed, because sample geometries that differed an order of 
magnitude in surface-to-volume ratio, showed the same degradation rate. The 
degradation yielding small particles that can be phagocytosed by cells, was assumed to 
be non-enzymatic, because it is kinetically prohibitive for high molecular weight 
enzymes to diffuse into the hydrophobic core of the PCL samples. The assumption of 
non-enzymatic hydrolysis was reinforced by the fact that the degradation rate of 
implanted samples was equal to the degradation rate in a non-enzymatic buffer at the 
same temperature. The assumption of bulk hydrolysis is consistent with the 
computational model of Von Burkersroda et al. [102]. For poly(ε-caprolactone), the 
size of a sample that is bulk hydrolyzed was calculated to be less than 1.3 cm, based on 
experimental data obtained by Pitt et al. [103]. These data are valid for the initial 
degradation behavior of PCL, in which the crystallinity ranges from 45% to 80%. 
Hence, semicrystalline poly(ε-caprolactone) in µm-dimensions is initially bulk 
hydrolyzed.  
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After this initial bulk degradation phase, a second, intermittent phase follows, starting 
at a molecular weight range of 4600 [93] to 3000 [104]. In this phase, weight loss is 
observed, due to the increased probability of monomer and dimer production. 
Monomers and dimers can diffuse out of the bulk. This stage is characterized by slower 
degradation (Figure 2.3), attributed to an increase in crystallinity in the PCL, attributed 
to crystallization of tie segments made possible by the chain cleavage in the amorphous 
phase [93]. The polymer is prone to fragmentation. Once the polymer particles have 
fragmented, subsequent degradation usually lasts three months or less. The surface-to-
volume ratio is more important in this phase, because macrophages only phagocytose 
small polymer fragments [104]. 
 
 I 

 
II 
 
 
III

- random chain scission 
- no weight loss 
- increased crystallinity  
- possible fragmentation 
- possible weight loss 
- phagocytosis 

Figure 2.3. The three stages of PCL degradation in vivo. When the crystallinity of the 
implanted polymer particle is relatively low, stage II does not necessarily occur.  
 
Woodward et al. [104] describe the intracellular degradation of PCL implants of low 
molecular weight. By implanting low molecular weight powders, the third phase of 
degradation that follows after fragmentation, was simulated. This third phase can 
completely or partially overlap with the second phase. Low molecular weight particles 
are phagocytosed into activated macrophages. The absence of the PCL-degrading 
lipases in the human blood does not mean that PCL is degraded completely non-
enzymatically. Particles, much smaller than when implanted, were retrieved out of 
phagosomes of macrophages. These particles were assumed to be degraded in 
lysosomes. Whether this degradation is enzymatic remains unclear, but this process is 
different from the initial, random chain scission degradation, supported by the 
observation that final hydrolytic cleavage in vivo yields ε-hydroxycaproic acid, as the 
sole metabolite. Furthermore, macrophages are known to secrete lysosomal enzymes 
including hydrolases. In this study, macrophaged PCL particles were even found in 
fibroblasts. Fibroblasts are known to contain hydrolytic enzymes, but in considerably 
lower concentrations than those present in macrophages. Degradation of low molecular 
weight particles occurs within thirty days. 
 
From in vivo degradation studies in a rat [93], performed with 3H-labeled poly(ε-
caprolactone), the location of the metabolites was determined. Radioactivity produced 
by these metabolites was measured in urine, faeces and expired water vapor. These 
findings strongly suggest that the metabolites were excreted from the body, since only 
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9% of the original radioactivity had remained at the site of low molecular weight 
sample implantation after 120 days. 
 
2.2.5 Inflammation  
When an organism is exposed to an implant, its reaction, the foreign body response, 
can be inflammatory. Within minutes after inflammation, phagocytotic macrophages 
are present. After a few hours, large numbers of neutrophils invade the area and their 
numbers increase in the blood. Monocytes enter the site of inflammation, acquire the 
capacity for phagocytosis and become macrophages. Eventually bone marrow produces 
large amounts of monocytes [105]. 
 
A polymer particle can potentially evoke an inflammatory reaction. For poly(ε-
caprolactone), inflammation has been studied both in the initial phase of hydrolytic 
degradation and for the final phase of phagocytosis of low molecular weight particles. 
In general, the initial reaction is mild, until the polymer particle fragments and a 
secondary foreign body response occurs.  
 
When high molecular weight PCL particles are implanted, the foreign body response 
has been reported to be transient [104]. Implant encapsulation by filaments of collagen 
containing occasional giant cells, followed. The connective tissue capsule is avascular 
and less than 100 µm thick. Pitt et al. [106] have studied the permeability to 
progesterone of this encapsulating layer. They showed that drug diffusion out of an 
implanted PCL particle is not impaired by any foreign body reaction. Van der Giessen 
et al. [107] coated tantalum stents with non-sterile high molecular weight PCL sheets 
and implanted them in porcine coronary arteries. They found a chronic inflammatory 
and thrombotic reaction with an acute component and a persistent foreign body 
response. However, Jackson et al. [101] have exposed PCL samples to human 
neutrophils in vitro and found low levels of neutrophil activation. In vivo studies of 
PCL, implanted in the rat subcutis [100], in the rabbit synovial joint [108], and in 
rabbit humerus [109] showed mild, mild to very mild, and minimal inflammatory 
responses, respectively. Chen et al. [110] found a transient and mild inflammatory 
response that had disappeared after three months.  
 
The tissue response in the final stage of PCL degradation was extensively studied by 
Woodward and coworkers [104]. Not only degradation in its last stage is simulated by 
implantation of PCL samples with a molecular weight of 3000, the foreign body 
response to these particles is similar to that of degraded high molecular weight 
particles as well. Indeed, implantation of low Mn particles give an inflammatory 
response that is analogous to that of a degraded and fragmenting high Mn polymer. The 
low molecular weight PCL particles evoked a transient acute inflammatory reaction as 
a direct result of the implantation process, which had disappeared by day six. Small 
numbers of neutrophils were present and fibrin deposition occurred by day three. By 
day six and subsequently, vascular granulation tissue containing macrophages, giant 
cells, and fibroblasts organized the site of implantation. Fragments much smaller than 
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those originally implanted were found within the cytoplasm of macrophages, as a result 
of phagocytosis. The incorporation of PCL powder into the cytoplasm of macrophages 
and giant cells increased from 6 days to the end of the study, at 27 days. 
 
 
2.3 Fibrin as a cell carrier in cardiovascular tissue engineering 

2.3.1 Introduction 
When vascular injury occurs, a series of enzyme-catalyzed reactions is started that 
eventually leads to a blood clot: the coagulation cascade. The target protein of this 
series of reactions is fibrin, which is the major component of a haemostatic plug. In the 
last stage of the coagulation cascade, the protein fibrinogen is converted to the 
insoluble network of fibrin. Fibrinogen is a 340-kDa soluble plasma protein consisting 
of three pairs of disulfide-bonded α-, β- and γ-chains. The enzyme thrombin, a product 
of the coagulation cascade, catalyses the proteolytic removal of two fibrinopeptides 
from fibrinogen. This cleavage unmasks two polymerization regions, that cause 
spontaneous polymerization to form double-stranded protofibrils. The protofibrils may 
further associate laterally to produce fibers which, themselves, may associate to form 
fiber bundles and a three-dimensional fibrin network [111]. This network rendering 
property of fibrin is used by surgeons to seal microscopic lesions and to plug large 
pores in vascular prostheses with ‘fibrin glue’ [112]. 
 
In the present study, the feasibility of fibrin gel as a cell carrier combined with a 
biodegradable polymer fiber mesh is evaluated for engineering cardiovascular tissue 
and compared to the conventional cardiovascular tissue engineering procedure by static 
seeding of cells onto a fiber mesh. Cells entrapped in fibrin gels were reported to 
produce more collagen [51,113] and elastin [114] compared to cells entrapped in 
collagen gel.  
 
Human saphenous vein cells were used in this study as they have shown to be 
favorable in tissue engineering of cardiovascular structures [37] and as they represent 
an easy-accessible cell source for future clinical use. A non-woven polyglycolic acid 
fiber mesh coated with poly(ε-caprolactone) was used as the scaffold material. 
Qualitative tissue analyses were performed for both tested methods over time up to a 
culture period of 6 weeks and quantitative analyses were performed after 4 weeks of 
culturing. Furthermore, the medium used for culturing was analyzed for soluble matrix 
components. 
 
2.3.2 Materials and methods 
2.3.2.1 Scaffold preparation and sterilization 
As a test system for fibrin-based cell seeding into a fibrous scaffold, rectangular shaped 
non-woven polyglycolic acid (PGA) meshes (1-1.5 cm2, density 72.76 mg/cc, 
thickness 1.2 mm, Cellon, Luxembourg) were coated with polycaprolactone (PCL, 
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Mw=80000, Sigma, USA) to provide structural integrity to the mesh. A 2% w/v PCL in 
chloroform solution was used and the scaffold was dipped in the coating solution and 
subsequently in distilled water to quench the coating around the fibers. This process 
was repeated three times. After vacuum drying overnight the scaffolds were placed in 
70% ethanol for 3-4 hours to obtain sterility. The ethanol was allowed to evaporate 
overnight and the scaffolds were washed three times in phosphate buffered saline 
(PBS, Sigma, USA). The scaffolds were placed in culture medium overnight, 
consisting of DMEM Low Glucose (Cambrex, Belgium) supplemented with 10% fetal 
bovine serum (FBS, Biochrom, Germany), 1% L-glutamine (Biochrom, Germany), 
0.3% gentamycin (Biochrom, Germany) and L-ascorbic acid 2-phosphate (Sigma, 
USA), further referred to as standard culture medium, to facilitate cell attachment.   
 
2.3.2.2 Cell harvesting and culturing 
Human venous myofibroblasts were harvested from the vena saphena magna and 
expanded using regular cell culture methods [37]. The medium used to culture these 
cells consists of DMEM Low Glucose supplemented with 10% FBS, 1% L-glutamine 
and 0.1% gentamycin.  
 
2.3.2.3 Cell seeding 
Two methods were used to seed the cells onto the scaffolds, A) dripping of a 
concentrated cell suspension onto both sides of the scaffolds, referred to as the 
conventional seeding method, and B) seeding the cells by using fibrin gel as a cell 
carrier. For both seeding methods, a seeding density of 2.5 x 106 cells per 100 mm3 of 
scaffold was used. 
 
2.3.2.4 Conventional seeding procedure 
For method A (n=6), cells were resuspended in standard culture medium in an amount 
that equals half the void volume of the scaffold (0.5 × height × width × thickness). This 
concentrated cell suspension was dripped onto one side of the scaffold and the cells 
were allowed to attach to the scaffold for 45 minutes. The scaffold was turned over and 
the same procedure was followed for the other side. After another 45 minutes medium 
was added. 
 
2.3.2.5 Seeding procedure using fibrin 
For method B (n=6), cells were resuspended in a sterile bovine thrombin solution, with 
a concentration of 10 IU thrombin/ml medium (Sigma, USA), in an amount that equals 
half the void volume of the scaffold. Subsequently, the cells in the thrombin solution 
were added to a sterile bovine fibrinogen solution, with 10 mg actual protein/ml 
medium (Sigma, USA), in an amount that equals half the void volume of the scaffold. 
After carefully mixing, the fibrin solution containing the cells was dripped onto the 
scaffold. The coagulation time of the fibrin gel without cells was determined using a 
coagulometer (Amelung, Germany) and was shown to vary from 20 to 40 seconds. The 
construct was allowed to polymerize for 75 minutes before medium was added. 
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2.3.2.6 Tissue culture 
All tissue constructs were cultured statically up to 6 weeks in standard culture medium. 
About 2/3 of the medium was changed every 3 days and the removed medium was 
stored at -20 ˚C for further analysis. 
 
2.3.2.7 Qualitative tissue development analysis 
Tissue formation was analyzed qualitatively over time by histology. Small pieces of 
the constructs were taken after 2, 4, and 6 weeks of culturing and fixed in phosphate-
buffered formalin (Fluka, USA). Subsequently, the pieces were embedded in paraffin. 
Sections were cut at 5 µm thickness and studied by Haematoxylin and Eosin (H&E) 
staining for general tissue development and Masson Trichrome staining for 
extracellular matrix formation. For the Masson Trichrome staining a commercially 
available kit was used (Sigma, USA). The sections were analyzed by light microscopy. 
Sections of the constructs from week 4 and 6 were additionally stained with a 
picrosirius red staining according to Junqueira et al. [115] and analyzed by polarization 
microscopy. Sirius Red binds to collagen in a parallel fashion and enhances the normal 
birefringence of collagen fibers (the degree to which they retard polarized light), which 
is detected using polarization microscopy [115,116]. In this way, even very thin fibrils, 
undetectable in normal light microscopy, become visible. 
 
2.3.2.8 Quantitative tissue development analysis 
Tissue development was analyzed quantitatively after 4 weeks by biochemical assays. 
The constructs were cut into tiny pieces, mixed and freeze-dried. The amount of DNA, 
an indicator for cell number, was determined using a commercially available kit assay 
(Sigma, USA). DNA was isolated from the samples by treatment with digestion buffer 
containing proteinase K. After several centrifuge steps using DNA-binding columns, 
the trapped DNA was eluted in buffer. The amount of DNA was subsequently 
determined by measuring the absorbance of the DNA in solution at 260 nm. The ratio 
of absorbance at 260 and 280 nm was within the range of 1.6-1.9 for all samples. The 
amount of DNA was divided by the dry weight of the tissue samples to obtain the 
amount of DNA per mg dry tissue.  
 
The hydroxyproline assay, an indicator for collagen, followed the protocol provided by 
Huszar et al. [117]. To review briefly, the tissue samples were hydrolyzed in 4 M 
NaOH (Fluka, USA) in an autoclave at a temperature of 120 ˚C for 10 minutes. The 
solution was neutralized by adding 1.4 M citric acid (Fluka, USA). Chloramine-T (62 
mM) was added and the samples were allowed to oxidize for 25 minutes. 
Aldehyde/perchloric acid solution (1 M) was subsequently added and the chromophore 
was allowed to develop at 65 ˚C for 15 minutes. The absorbance of the resulting 
solution was determined at 570 nm. The amount of hydroxyproline present in each 
solution was determined from a standard curve, prepared in addition to the samples. 
The amount of hydroxyproline was divided by the dry weight of the tissue to obtain the 
amount of hydroxyproline per mg dry tissue.  
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2.3.2.9 Analysis of culture medium 
The frozen medium was analyzed to determine the amount of soluble collagen that 
leached out of the constructs. For this analysis a commercially available kit was used, 
the SirCol TM soluble collagen assay (Biocolor, Northern Ireland). To review briefly, 
1 ml of SirCol Dye reagent was added to 100 µl of the medium samples, which binds 
soluble collagen during a 30-minute period of shaking and forms a precipitate. The 
precipitate is subsequently pelleted by centrifugation, after which the unbound dye 
solution was removed. Alkali reagent is added to dissolve the bound dye and the 
absorbance was measured at 540 nm. The assay is performed for the medium samples 
of the constructs over a culture period of up to four weeks, as well as for control 
medium in which no constructs were cultured, but further treated similarly. The 
amount of soluble collagen was determined from a standard curve prepared in addition 
to the samples. The amount of soluble collagen in the control medium was subtracted 
from the amount in the medium in which the constructs were cultured, in order to 
correct for variations of the amount of soluble collagen initially present in the culture 
medium, and expressed in µg/ml medium. Furthermore, the reduced sample size due to 
the removal of pieces of the constructs for histology was taken into consideration and 
corrected for.  
 
2.3.2.10  Statistics 
Results are expressed as mean ± standard error of the mean. A Bonferroni t-test was 
used to determine significance between the two tested groups for hydroxyproline and 
DNA content. Student t-tests were used to elucidate differences in the accumulative 
amount of soluble collagen in the medium between groups A and B at each time point. 
Differences were considered significant at a p-value < 0.05. 
 
 
2.3.3 Results 
2.3.3.1 Qualitative evaluation of tissue development 
The tissue development, as analyzed by histology over time for group B, is shown in 
Figure 2.4. Figure 2.5 shows the tissue development after four weeks of culturing for 
both groups A and B. After two weeks of culturing, all constructs showed a 
homogeneous distribution of cells throughout the scaffolds. However, there was not 
much extracellular matrix formation at this time point (Figure 2.4a). After four weeks 
of culturing, the amount of extracellular matrix increased drastically, in particular for 
group B (Figure 2.4b and Figure 2.5c and d). The amount of extracellular matrix 
formation continued to increase up to six weeks of culturing (Figure 2.4c), although the 
difference was not as large as the increase between weeks two and four. It was obvious 
that although cells were present throughout the entire constructs, extracellular matrix 
formation was limited to the surface regions. The tissue development in group B 
(Figure 2.4c) and group A did not differ by six weeks of culturing. 
 
Picrosirius Red staining, as shown in Figure 2.6, present birefringent fibers after six 
weeks of culturing. At this time point, birefringent fibers were identified in both 
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groups, although the amount and density of birefringent fibers was higher in group B 
compared to group A. The range of polarization colors associated with the collagen 
fibers are dependent on several factors. Larger collagen fiber diameter, well aligned 
fibers and more tightly packed collagen molecules exhibit longer wavelengths (more 
towards orange-red) [118,119] as do fibers of increasing age [116]. The birefringence 
color of the fibers is also reported to be dependent of the type of collagen present 
[115,119]. In this study, only the amount and density of the birefringent fibers was 
addressed and referred to as a measure of maturity. 
 

 
Figure 2.4. Masson Trichrome stained sections of group B constructs after two (a), 
four (b) and six (c) weeks of culturing. Scale bars in the images represent 175 µm. 
After two weeks, predominantly cells (purple) were present. Collagen deposition (blue) 
was observed after four weeks and had increased after six weeks of culturing. 
Fragmented scaffold remnants could be identified (orange-red). 
 

  

  
Figure 2.5. Haematoxylin and Eosin (H&E) stained sections for general tissue 
development (a, c) and Masson Trichrome (MT) stained sections for extracellular 
matrix formation (b, d) of constructs from group A (a, b) and B (c, d) after four weeks 
of culturing. Scale bars in the images represent 200 µm. Cells were present throughout 
the whole construct (dark purple in H&E, purple in MT). Tissue formation was 
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observed mainly at the surface of the constructs (purple in H&E), consisting mainly of 
collagen (blue in MT). 
 
2.3.3.2 Quantitative evaluation of tissue development 
The biochemical assays after four weeks of culturing are represented in Figure 2.7.a. 
The pairwise comparison from a Bonferroni t-test did not reveal significant differences 
in cell number (DNA) or collagen content (hydroxyproline), (p=0.088 and p=0.112, 
respectively). 
 

 
Figure 2.6. Picrosirius red stained sections of constructs from group A (a) and B (b) 
after six weeks of culturing, analyzed by polarized light microscopy. In both groups 
birefringent fibers were present, although the density and total amount was larger for 
group B. Scale bars in the images represent 100 µm 

  
Figure 2.7.a. Amount of DNA and hydroxyproline in constructs from group A and B 
after four weeks of culturing. The error bars indicate the standard error of the mean. 
Bonferroni t-test did not reveal significant differences in cell number (DNA) or 
collagen content (hydroxyproline), (p=0.088 and p=0.112, respectively).         b. 
Medium analysis for soluble collagen for constructs from group A (conventional) and 
B represented as accumulated amount of soluble collagen in the medium over four 
weeks of culturing. The error bars indicate the standard error of the mean. Student t-
tests revealed significantly larger amounts of soluble collagen diffusing out of the 
constructs into the medium at all time points when using method A, the conventional 
seeding method. 
 

a b
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2.3.3.3 Medium analysis 
The medium analyses for soluble collagen leaching out of the constructs over time are 
illustrated in Figure 2.7.b. The accumulated amount of soluble collagen present in the 
medium was significantly larger at all time points in group A, indicating a larger loss 
of soluble collagen into the surrounding medium with cells seeded using the 
conventional method. 
 
2.3.4 Discussion 
Static seeding methods have shown to be suitable for cardiovascular tissue engineering 
[85]. However, due to the multiple seeding steps in this procedure, this is a time 
consuming and complex seeding method. Gels have been demonstrated to be excellent 
cell carriers, making the seeding procedure less time-consuming, as only one seeding 
step is necessary, and more efficient. Combining the advantages of a gel as a cell 
carrier, providing a homogeneous cell distribution, with the advantages of a fiber-based 
scaffold, providing structural integrity to the developing tissue, offers a promising 
approach within tissue engineering applications. The use of fibrin as a cell carrier 
combined with a fiber-based scaffold for cardiovascular tissue engineering applications 
is tested in this study and compared to conventional static seeding. Tissue development 
is analyzed qualitatively after two, four, and six weeks and quantitatively after four 
weeks of culturing.  
 
For both fibrin seeded constructs and constructs seeded by the conventional method, it 
was shown that the tissue development increased over the culture period. The 
extracellular matrix deposition occurred rather late, between week two and four (Figure 
2.4). The overall tissue development after six weeks did not seem to be different 
between the two groups. After four weeks, however, the amount of extracellular matrix 
appeared to be more extensive in the fibrin seeded constructs compared to the 
constructs seeded by dripping (Figure 2.5), although this difference did not prove to be 
statistically significant as shown by the results of the hydroxyproline assay (Figure 
2.7.a). It was obvious that the extracellular matrix is formed mainly at the surfaces of 
the constructs, while cells were distributed throughout the whole construct. This 
phenomenon might be due to limited diffusion of nutrients into the inner parts of the 
constructs. Perfusing the constructs immediately after seeding might prevent this 
limitation [86]. After six weeks of culturing, the collagen fibers in the constructs 
seeded with fibrin appeared more mature, as more and denser packed birefringent 
fibers could be observed, compared to the collagen fibers in the constructs seeded by 
the conventional method, as shown by the picrosirius red staining (Figure 2.6). From 
these results, it can be stated that the use of fibrin as a cell carrier does not increase 
tissue formation compared to seeding by dripping. However, it does seem to render 
more mature collagen fibers in a shorter period of time. The more rapid formation of 
extracellular matrix might be a direct result of the decreased loss of soluble matrix 
components into the surrounding medium when fibrin was used, as is the case for 
soluble collagen (Figure 2.7.b). 
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2.4 Conclusions 

2.4.1.1 Polycaprolactone 
Poly(ε-caprolactone) is biodegradable and bioresorbable. It is degraded in at least two 
distinct stages; the first stage occurs in the bulk by non-enzymatic hydrolysis down to a 
molecular weight of 4600 [93], according to equation (2.1). During the second stage 
hydrolysis is slower, due to increased crystallinity of the polymer, caused by 
preferential hydrolysis of the amorphous phase during the first stage. If crystallinity is 
still relatively low after the first stage, stage two does not occur and hydrolysis 
proceeds directly into stage three. The third stage occurs rapidly and intracellularly, 
predominantly in lysosomes of macrophages, within 30 days. E-hydroxy caproic acid, 
the final metabolite, is excreted from the body. 
 
The foreign body response to PCL immediately after implantation is considerable but 
transient in nature. During the first stage of degradation it is mild and becomes less 
mild when the polymer fragments. Recruited macrophages phagocytose these low 
molecular weight particles. 
 
In this thesis, the use of two poly(ε-caprolactone) Mw=50,000 multifilament yarns is 
described: a smooth 220 dtex (=220 grams per 10 km yarn) 44-filament yarn and a 
more fluffy 335 dtex 68-filament yarn. The filaments in the yarn have a diameter of 
approximately 23 µm. Because of these dimensions it is assumed that this yarn is 
initially bulk hydrolyzed. For poly(ε-caprolactone) with Mw=50,000, combined with 
k’=3 x 10-3 day-1, a phase one degradation period can be calculated from equation 2.1. 
When phase one is assumed to proceed down to a molecular weight of 4600, after 
which intracellular degradation takes place during 30 days, the calculated degradation 
period of both multifilament yarns is 27 months. 
 
2.4.1.2 Fibrin 
Seeding scaffolds using fibrin as a cell carrier offers a lot of advantages over the 
conventional static seeding method in tissue engineering of cardiovascular structures.  
It provides a fast and efficient seeding method, involving only one seeding step, 
rendering a compact, pore-filled construct. The compact structure prevents the loss of 
soluble matrix components into the surrounding medium and it resulted in a more 
mature extracellular matrix.  Fibrin can be obtained completely autologous from the 
patient and degrades fast over time, serving solely as an initial entrapment system for 
the cells. 
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3.1 Introduction 

Tissue engineering is believed to provide a valve that is able to grow, repair and 
remodel. To create such a tissue engineered aortic valve, a strong scaffold must be 
incorporated in the original design. Since the candidate tissue ideally is completely 
autologous, the scaffold should eventually be biodegraded, leaving cells and 
extracellular matrix components that have developed into fully autologous tissue. 
Several in vivo studies have been performed in which tissue engineered leaflets or 
valves, based on a polyester scaffold, were implanted in sheep [59,60,67,80,81,82]. 
The studied valves all persisted during the length of the study, although each had been 
implanted in the low-pressure pulmonary artery instead of the high-pressure aorta. 
 
We hypothesize that in order to create a valve that is suitable for aortic conditions, a 
scaffold should be used that initially offers the tissue engineered (TE) construct 
mechanical properties in the range of the desired tissue [Table 1.1]. When such a 
scaffold material is degraded slowly, the cells that are cultured within it are given 
enough time to create their own strong collagen fiber structure, elastin fibers and other 
mechanically important extracellular matrix components. In this way, the mechanical 
integrity of a TE construct does not need to go through a mechanical integrity gap that 
was caused by fast scaffold degradation on one side and insufficient extracellular 
matrix production on the other.  
 
Cacciola et al. [120] have calculated the strain distribution over a stentless aortic valve 
leaflet. They show that diastolic strains in the stentless aortic valve are highest at the 
position of the commissures. These sites correspond to the locations to which previous 
scaffold valvular leaflets are sculpted [90], glued [121], or welded [122] to the scaffold 
aortic wall. To create a valve that is open to cellular ingrowth but load-bearing even at 
critical sites, such as the commissures, we have developed a knitted poly(ε-
caprolactone) valve, connected at the commissures by firm, evenly distributed 
entanglements. The knitted valve is filled and covered with fibrin gel. The purpose of 
the fibrin gel is threefold. First, it plugs the pores and thereby reduces the leakage in 
the knitted scaffold. Once plugged, the scaffold closes and opens when subjected to 
physiological flow conditions, enabling the study of the haemodynamic behavior of the 
scaffold. Secondly, when this valvular scaffold will be used for cell seeding in an 
actual tissue engineering process, the fibrin will be the cell carrier that is assumed to 
allow cells to overgrow the relatively large pores of the knitted structure. A final 
motivation to use fibrin gel involves its efficiency as a medium for the cellular seeding 
process, as described in Chapter 2. In this study fibrin gel is used in the absence of 
cells, to investigate the properties of the scaffold alone. 
 
For a valve to be acceptable as an implantable valve, one of its first requirements is to 
satisfy a durability test. ISO standards for non-active heart valve substitutes [123] 
describe tests in oscillating fluid flow under various pressures, mean flows and cycle 
rates. Although these standards do not apply for engineered human tissue or even TE 
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scaffolds, the latter’s mechanical properties should be equally appropriate. Since this 
knitted valvular scaffold, although covered with fibrin gel, is still a leaky structure, a 
fluid flow would not provide enough stress on the critical sites in the valve and 
therefore would not prove a suitable testing method. Hence we opted for an alternative 
mechanical testing method, involving the inflation and deflation of a trilobular latex 
balloon inside the knitted scaffold. 
 
 
3.2 Materials and methods 

3.2.1 Knitted, fibrin covered scaffold 
A multifilament (220 dtex f44) polycaprolactone (Mw 50,000) yarn, Grilon KE-60 (a 
kind gift from EMS Griltech, Domat, Switzerland), was used for the double-bed 
knitting (Varitex, Haarlem, Netherlands) of a 72 x 35 mm rectangular patch with three 
leaflets knitted on as half-round pockets. Crystallinity of the multifilament yarn was 
determined by differential scanning calorimetry to be 66%, as compared to 50% for the 
bulk material from which the yarn had been made (bulk data obtained from the 
manufacturer). The patch was sutured into a tube using the same polycaprolactone yarn 
as the knitted material. The knitted valve was shaken in refreshed water and soap for 
24 hours to dispose of the anti-static build-up layer of oils and non-crosslinked 
polysiloxanes on the yarn. It was then flushed with water extensively, and shaken in 
70% alcohol overnight to obtain a sterile aortic valvular scaffold. Before the fibrin gel 
was applied to the knitted structure, it was pulled over a stainless steel, open position, 
sinus containing valve mold [121] (Figure 3.1). Bovine fibrinogen (F-8630, Sigma, 
MO, USA), (20 mg/ml), was dissolved in culture medium that consisted of DMEM 
Advanced, supplemented with 1% Glutamax (both Gibco, Paisley, Scotland UK), 10% 
FBS, and 0.1% gentamycin (both Biochrom, Berlin, Germany). This solution was 
sterile filtered (0.22 µm) and mixed 1:1 with a filtered bovine thrombin (T-4648, 
Sigma), (15 IU thrombin/ml) solution in the same culture medium to obtain a final 
fibrin solution containing 10 mg/ml fibrinogen and 7.5 IU/ml thrombin. This solution 
started to gel as it was poured over the mold and taken up by the knitted structure. The 
polycaprolactone-fibrin valve was allowed to gel in an incubator for one hour. The 
fibrin application-gelation procedure was repeated twice until the knit appeared to be 
fully covered by fibrin. The valvular scaffold was released from its mold and put in a 
pulse duplicator system to be tested. 
 
3.2.2 Valve exerciser – flow behavior test 
The pulsatile flow system, used to test the valves, is a physiologic flow simulator that 
has tunable parameters such as pressure, stroke volume, pulse, and peripheral 
resistance [124]. It has the possibility to incorporate an endoscope, to which a high 
speed camera can be attached, to closely examine the opening and closing of the 
valves. Pressure wires (RADI, Uppsala, Sweden) were inserted in the setup to measure 
both pre- and postvalvular pressures simultaneously, during the opening and closing of 
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the valve. A flow probe (Transonic, NJ, USA) was attached prevalvularly to determine 
forward- and backflow through the valve. Flow medium was isotonic phosphate 
buffered saline (PBS, Sigma, MO, USA). Due to the fourfold lower viscosity of PBS 
with respect to blood, the pulse rate was reduced to 18.75 bpm, which is the 
corresponding reduction compared to a normal pulse rate of 75 bpm. This correction 
was made to enable the study of the velocity profile around the valve, which in that 
case is representative of that of a valve under physiological conditions [125]. A 
Medtronic freestyle stentless porcine valve was used to tune the pulse duplicator 
system to a physiologic flow profile and pressure of 120/80 mmHg. Consequently, 
three fibrin-covered knitted valves and three stentless porcine valves were subjected to 
these pressure and flow conditions. Forward flow through the valve was defined as the 
surface area underneath the positive peak of the flow plot, whereas backflow was 
defined analogously for the negative part of the plot (Figure 3.4). Regurgitation was 
defined as the ratio of the backward flow through the valve to the forward flow. 
 

 

 

Figure 3.1. The knitted valve (left) on top of the stainless steel mold that forms the 
sinuses and (right) after application of three fibrin gel layers and removal from the 
mold. 
 
3.2.3 Biocompatibility – polycaprolactone and fibrin 
Human vena saphena (HVS) myofibroblasts were cultured to subconfluence in a 
culture flask and trypsinized with a 200 mg/l EDTA - 500 mg/l trypsin solution 
(Cambrex, Verviers, Belgium). Culture medium was DMEM Advanced, supplemented 
with 1% Glutamax (both Gibco, Paisley, Scotland UK), 10% FBS, and 0.1% 
gentamycin (both Biochrom, Berlin, Germany). Bovine thrombin (T-4648, Sigma) and 
bovine fibrinogen (F-8630, Sigma) solutions were prepared in this medium at a 
concentration of 15 IU/ml and 20 mg/ml, respectively. The fibrinogen and thrombin 
concentrations yielded a gelation speed that was low enough to enable cell mixture into 
the gel mixture before gelation, but high enough to start gelation during the seeding 
process. If gelation does not occur during the seeding process, the cell suspension drips 
through the scaffold and is lost. The solutions were sterile-filtered.  
 
The cells were seeded, 30.000 cells per well, in triplicate into a 24-wells plate in four 
different groups: 1) in 0.5 ml of culture medium as a positive control, 2) enclosed in 
0.5 ml fibrin, 3) in 0.5 ml of culture medium on a piece of sterilized knitted 
polycaprolactone, and 4) enclosed in fibrin on a piece of knitted polycaprolactone. This 
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number of cells was chosen because after ten days of culture, cells are well below 
confluence and cell number increase is still linear with time, enabling comparable 
study of the effects of the tested scaffolds on cell proliferation. It is predicted, however, 
that this cell number is sufficient to discriminate between the different effects of the 
scaffolds on cell proliferation. Dimensions and weights of each polycaprolactone 
sample were 8x7 mm and 19±2 mg, respectively. For the two fibrin-enclosed groups 
the HVS myofibroblasts were suspended in the thrombin solution (30.000 cells/250 µl 
thrombin solution) before immediate 1:1 mixing with the fibrinogen solution. The cells 
were incubated for 45 minutes to allow fibrin gelation, after which 2 ml of medium 
was added to each well. After ten days of static culture an MTT test was performed.  
 
3.2.4 Durability test 
A cast mold in cylindrical shape with three lobes at the top was designed and produced 
and dipped into a latex emulsion (Wilsor, Biddinghuizen, Netherlands). It was allowed 
to dry, the latex balloon was peeled off, attached to a pneumatic setup (Figure 3.2) and 
covered with the knitted scaffold, to strain the scaffold each time the balloon was 
inflated. The balloon was compliant and oversized, as to only transfer the stress to the 
scaffold and not bear the load itself. The balloon and the knitted scaffold were 
submerged in a PBS solution, supplemented with 0.05% sodium azide (Merck, 
Darmstadt, Germany). A pressure pulse, 63 bpm, 210/150 mmHg on average, was 
applied on the balloon until premature rupture of the knitted scaffold or up to a 
maximum of ten million cycles (111 days). Since the failure stress of fibrin gel is 
negligible compared to that of the polycaprolactone yarn by three orders of magnitude 
[126,57], the polycaprolactone knitted valve was tested without the fibrin coating. 
After ten million cycles, the scaffold was inspected macroscopically and scanning 
electron microscopy was performed on the commissures and compared to SEM images 
 

 
Figure 3.2. Schematic of the pneumatic setup: Air inside a cylinder is pumped in and 
out of a latex balloon that is fitted inside the knitted valve with a frequency of 1.05 Hz 
(63 bpm). The knitted valve is kept in PBS to which sodium azide was added. Pressure 
is measured inside the system. In addition to the pressure generated by the cylinder, 
extra pressure is put onto the system to create a baseline pressure that is within 
physiological range. 
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of a similar but non-strained knitted scaffold. For this purpose the areas of the 
commissures of both valves were excised and gold sputtered (JFC-1100 JEOL Inc 
USA). Microscopy was performed with a Philips XL 30 Scanning Electron 
Microscope. 
 
3.2.5 Statistics 
A one-way ANOVA test was performed on the MTT results; results are shown in 
average ± standard error of the mean. The regurgitation of both fibrin-covered knitted 
valves and porcine stentless valves is indicated by the mean ± standard error of the 
mean. Statistical significance is set at p<0.05. 
 
 
3.3 Results 

Figure 3.3. (top) Images of the knitted valve inside the physiological flow simulator. 
(bottom) Corresponding images of the porcine stentless valve prosthesis inside the 
physiological flow simulator. 
 
3.3.1 Opening and closing behavior 
The visual recordings of the knitted valve and porcine valve while opening and closing 
were made into a short film (Figure 3.3). The cycle rate was 0.3125 Hz, which 
corresponds to 18.75 cycles per minute. Both valves show complete coaptation upon 
closing, without any visible regurgitant openings. During opening the valves both show 
a triangular orifice, at which point none of the leaflets collides with the aortic wall. 
This is an important property, as some studies have reported that aortic wall colliding 
leaflets can demonstrate pathological features [127,128].  
 
3.3.2 Quantitative data from the physiologic flow simulator 
The flow through both types of valves was monitored by the flow probe (Figure 3.4). 
From the representative flow versus time plots it is clear that the knitted valves show 
substantial leakage, with a regurgitant volume that constitutes 39 ± 3% of the forward 
flow at an average pressure of 64 ± 4 over 22 ± 2 mmHg (Figure 3.5, left). The 
corresponding estimated leakage of the porcine valves was 8 ± 1% at an average 
pressure of 119 ± 4 over 74 ± 4 mmHg (Figure 3.5, right). It would have been 
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Figure 3.4. Flow data (l/min) of the knitted valve (left) and of the porcine valve (right), 
measured prevalvularly. A backflow, constituting 39 ± 3% of the total forward flow, 
was calculated from the left plot, whereas the right plot shows 8 ± 1% leakage. 
 

  
Figure 3.5. Pressure data (mmHg) of the knitted valve (left) and of the porcine valve 
(right), measured pre- and postvalvularly. Both plots show a ‘ventricular’ pressure 
(bottom line) and an ‘aortic’ pressure (upper line). 
 
appropriate to test all valves at the same pressure, but when the stroke volume is kept 
constant, the leakage through the knitted valve causes the pressures to decrease. Since 
the leaflets of the knitted scaffold coapt, the leakage must have occurred through the 
pores, from which the fibrin got detached. Indeed, some open pores were found in the 
extensively tested gel-covered knitted scaffold.  
 
3.3.3 Biocompatibility 
Viable, attached HVS myofibroblasts were seen on the bare PCL knitted pieces and on 
the fibrin enclosed pieces of PCL, which was similar to the findings of several studies, 
e.g. [90,65,64]. The fibrin-cell mixed gels showed proliferated cells after ten days, 
which could also be predicted from previous studies, e.g. [51,90]. MTT results show 
that HVS myofibroblasts, seeded either in fibrin, on PCL, or in fibrin and on PCL are 
not significantly different than the control data (p=0.24), (Figure 3.6).  
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Figure 3.6. MTT results of human saphenous vein myofibroblasts after 10 days of 
culture, showing that viability is not significantly altered (p=0.24) when HVS cells are 
cultured in and on the two components of the scaffold, compared to cells cultured on 
the bottom of a 24 wells plate. 
 
3.3.4 Durability 
Since the knitted scaffold did not rupture under the applied load, it was taken out of the 
pneumatic setup after 10 million cycles (111 days). At that time the knitted scaffold 
was still intact and not different from the beginning of the durability test, as was 
established both macro- and microscopically. None of the filaments of the 
multifilament fibers were ruptured anywhere in the scaffold, nor were entanglements in 
the commissure area torn or otherwise damaged (Figure 3.7). 
 

 
Figure 3.7. SEM images of two commissures: the commissure of a non-strained knitted 
valve (middle) and the commissure of an intact, knitted valve after ten million loading 
cycles (right). Scale bars represent 1 mm. 
 
 
3.4 Discussion 

The aim of the present study was to develop a scaffold that was not only biologically 
appropriate to eventually tissue engineer an aortic valve from, but to make it 
mechanically durable for the specific shape of a valve as well. A knitted scaffold was 
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made out of biocompatible and FDA approved implantable materials. A durability test 
indicated that the scaffold provided strength in its design of entangled commissures 
and was not altered during ten million loading cycles. Hence we conclude that this aim 
has been successfully achieved. 
 
The opening and closing behavior of the valvular scaffold is good. In spite of the 
visually complete fibrin coverage of the knitted structure before testing, it has a 
backflow of 39 ± 3% of the forward flow. For a heart valve this regurgitation would be 
unacceptable, but this scaffold is not an implantable valve and is not intended to be 
implanted as it is. The leakage is mostly due to pores from which the fibrin gel was 
seen to detach. In an aortic valve, tissue engineered with seeded cells onto this 
scaffold, cellular ingrowth and production of extracellular matrix would be predicted to 
reduce the leakage during the tissue engineering process.  
 
According to ISO standards [123], backflow is defined as the sum of the closing 
volume and the regurgitation. In a flow versus time plot of a valve with low 
regurgitation, closing volume can be clearly distinguished from regurgitation. In the 
plots of our valvular scaffolds this was not the case, hence we chose not to make this 
distinction. Because of this altered definition, the leakage in the stentless porcine 
valves (8 ± 1%) seems higher than would have been predicted.  
 
The pneumatic durability test method that was chosen is not standard, which makes it 
difficult to compare its results with the results of more accepted ways of testing. 
However, with this method the knitted scaffold is tested as a valvular structure 
including the essential design of the leaflet-wall attachment. A more regular flow test 
would not exert stress on the scaffold that is representative of the stresses to which it 
would be subjected, once engineered into a complete valve. 
 
The degradation period of poly(ε-caprolactone) was estimated to be 27 months, as was 
calculated in Chapter 2. Besides the aforementioned advantages of mechanical 
integrity of the knitted scaffold, these findings suggest that the polycaprolactone knit 
could be predicted to maintain reliable in performance. This longer degradation period 
of polycaprolactone compared to many other biodegradable polyesters will allow 
seeded cells more time to create a strong extracellular matrix. However, it can also 
represent a strong limitation, namely, when used for tissue engineering and implanted 
in growing infants, where they might outgrow their valvular scaffolds. For this 
application a possible solution would be to pretreat the scaffold with a strong acid or 
base, to start the autocatalysis of the degradation process. 
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4.1 Introduction 

Electrospinning has emerged as a new and straightforward technique for the production 
of tissue engineering scaffolds. The process of electrospinning has been described in 
many studies, as was reviewed in [129], but in short comprises the application of an 
electrical potential over an injection needle that contains a melted or dissolved polymer 
and a grounded collector that is a mold with the desired scaffold shape. When the 
polymer is pumped through the needle, a jet accelerates out of the needle and a thin 
polymer fiber is deposited onto the collector. Electrospinning has shown many 
advantages; it yields scaffolds with a high porosity, fibers are in the nanometer to 
micrometer range, combined in non-woven networks that resemble the natural 
extracellular matrix [130]. Between the fibers interconnectivity can be realized, 
increasing the mechanical integrity of the scaffold. In the electrospinning process many 
parameters can be changed that alter and optimize properties in the final product, 
making electrospinning a versatile technique. Some applications of electrospinning 
besides tissue engineering scaffolds [131] are drug delivery devices [132,133] and 
wound dressings [134]. Many different polymers have already been used in the 
electrospinning process, such as collagen [135], polyethylene terephthalate [136], 
polylactides [137] and poly(ε-caprolactone) [64,138]. Because a collector is used that 
has the desired shape of the scaffold, complex scaffold geometries can be realized 
fairly easily. The aortic valve with its bent leaflets, hemispherical sinuses of Valsalva, 
and triangular coaptation areas, is a structure with a very complex geometry. Hence it 
is an obvious choice to fabricate a valvular scaffold by electrospinning. Whether 
electrospinning can lead to a valvular scaffold with complex geometry but 
homogeneous thickness and sufficient mechanical integrity, is one of the subjects of 
this chapter. 
 
The other approach in this study is the use of a knitted scaffold. Knitting offers an open 
structure that is mechanically reliable [139,140,Chapter 2]. It is a technique that is used 
to create scaffolds and prostheses, such as stents for the trachea [141] and bile duct 
[142], scaffolds for the anterior cruciate ligament [143], and the widely used Dacron 
cardiovascular prostheses [144]. An advantage of knitting are the complex geometries 
that can be produced, e.g. branched prostheses used for aortic arch replacements [145]. 
Among the materials that have been used for knitting are Dacron, but also carbon fiber 
[146] and even the nickel titanium alloy nitinol [142]. In this study, the knitted scaffold 
is made of the same polymer as the spun scaffold. 
 
From experiments and computational modeling, it has already been shown that 
commissures are high stress regions in a valve [120]. Hence these areas require specific 
attention with respect to the design of the leaflet-wall connection. For electrospinning 
of a valvular scaffold the approach was chosen to first spin three cusps with their 
corresponding sinuses and then combine these three spun structures, spin an aortic wall 
over it and cut out the excess coaptation area. In this way, stresses exerted on the 
closed leaflets, are hypothesized to be transferred more effectively to the aortic wall, 
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since cusp and wall originate from a single spun cylinder. The strength of the 
commissures in the knitted scaffold was achieved by knitting the whole scaffold out of 
one yarn, thereby creating evenly distributed tangled loops in the commissures that 
were still open enough to allow cellular ingrowth. 
 
Both valvular scaffolds were made out of poly(ε-caprolactone), (PCL). PCL is a cheap 
and easily processed polymer. Its degradation rate is slow [93] which makes it 
mechanically reliable for months. Furthermore, slow degradation has been reported to 
lead to less inflammation in the tissue surrounding the scaffold, compared to fast 
degrading materials [83], due to acidic degradation products that are released in lower 
concentrations during slow polyester degradation. 
 
This chapter presents a tissue engineering study that was done to compare two different 
scaffolds and their specific advantages and drawbacks as scaffolds for tissue 
engineering of the aortic valve. Properties of the valves that are considered are process 
feasibility, mechanical integrity of the scaffold, opening and closing behavior, seeding 
efficiency, cellular proliferation, and extracellular matrix formation. 
 
 
4.2 Materials and Methods 

4.2.1 Electrospinning  
PCL (MW 80.000, Sigma, MO, USA) was dissolved (17,5% w/v) in chloroform (p.a., 
Merck, Germany) and transferred to a syringe in a perfusor pump that was connected 
by narrow tubing to the spinning setup. A 0.9 mm diameter syringe needle was 
attached at a 15 cm gap distance from the collector. Initially, the collector was a 
stainless steel rod with a curved top that is one third of the aortic part of a valvular 
mold in closed position (Figure 4.1.a). It rotated at a speed of 1 rpm around its long 
axis at an angle of 25 degrees from horizontal, to enable homogeneous coverage of the 
rounded top surface. Flow rate was 30 µl/minute at a voltage of 14 kV. Pilot studies 
with these settings showed to yield a scaffold with a typical fiber diameter of 5-10 µm 
and a pore size of 15-20 µm. Spinning time was forty minutes, which, in pilot studies, 
gave a thickness of 0.5 mm on average. After this process had been repeated two times 
on three different rods in total, the three rods were combined with one another into a 
curved cylinder and a complementary cylinder was pressed against the leaflet area and 
fixed. At an angle of zero degrees to horizontal, this combined cylinder rotated with 1 
rpm and a layer of spun PCL was deposited during 180 minutes. After completion of 
the spun aortic root, the four mold parts were pulled out of the spun construct and 
excess material in the middle of the scaffold was excised, leaving a triangular 
coaptation area of the leaflets of two mm at the center of the valve to zero mm at the 
commissures. The valve was immersed under stirring in 70% alcohol overnight to 
obtain a sterile aortic valvular scaffold. 
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Figure 4.1.a. Spinning mold. Three leaflet-sinus mold parts (left) are used to 
electrospin three leaflet-sinus units separately. The three mold units that are covered 
with an electrospun layer are combined and the complementary cylinder (right) is 
fitted on top. Another layer is spun over the whole circumferential surface of the 
obtained cylinder to make an aortic root. b. Schematic setup of the bioreactor: culture 
medium is pumped (bold arrow) from a medium vessel to the first valve chamber, in 
which one of the three spun constructs is mounted. The leaflets are perfused and 
subsequently the medium shell outside the valve is perfused. This process is repeated 
for a knitted construct, mounted in the second valve chamber, after which medium is 
returned to the medium vessel. Gas exchange is realized by the filtered opening of the 
medium vessel and through the silicone tubing, connecting the three containers. 
  
4.2.2 Knitting  
A multifilament (220 dtex f44) polycaprolactone yarn, Grilon KE-60 (a kind gift from 
EMS Griltech, Domat, Switzerland), was used for the double-bed knitting (Varitex, 
Haarlem, Netherlands) of a 72 x 35 mm rectangular patch with three leaflets knitted on 
as semilunar pockets. The patch was sutured into a tube with the same 
polycaprolactone yarn that it had been knitted of. The knitted valve was shaken in 
regularly refreshed water and soap for 24 hours to dispose of the anti-static buildup 
layer of oils and non-crosslinked polysiloxanes on the yarn, flushed with water 
extensively, and immersed under stirring in 70% alcohol overnight to obtain a sterile 
aortic valvular scaffold.  
 
4.2.3 Pulse duplicator test 
Both types of valves were placed inside a pulse duplicator system [124]. An endoscope 
was inserted into the system, to which a high speed camera was attached. This was 
done to closely study the opening and closing of the valves. Flow medium was isotonic 
phosphate buffered saline (PBS, Sigma, MO, USA). Pulse rate was 18.75 bpm, which 
is a fourfold reduction compared to a normal pulse rate of 75 bpm. This correction was 
made to generate flow similarity with respect to physiological flows, ensuring a 
physiological opening and closing behavior [125]. A Medtronic freestyle stentless 
porcine valve was used to tune the pulse duplicator system to a physiologic flow 
profile and pressure of 120/80 mmHg. Because of the holes in the knitted scaffold, this 
scaffold was covered with fibrin. Fibrin influences the small strain compliance of the 
scaffold but it is assumed to add negligibly to the mechanical integrity of the valve, 
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since its failure stress is in the kPa range [126], whereas that of PCL is in the MPa 
range [57]. Hence, at high stresses, such as those exerted by aortic flow and pressure, 
the fibrin will rupture before the PCL fibers will. The knitted scaffold was pulled over 
a stainless steel, open position, sinus containing valve mold [121]. Bovine fibrinogen 
(F-8630, Sigma, MO, USA), (20 mg/ml), was dissolved in culture medium, that 
consisted of DMEM Advanced, supplemented with 1% Glutamax (both Gibco, Paisley, 
Scotland UK), 10% FBS, 0.1% gentamycin (both Biochrom, Berlin, Germany), and 
260 mg/l ascorbic acid 2-phosphate (A-8960, Sigma, MO, USA), to optimize 
myofibroblast growth and extracellular matrix accumulation [147]. This solution was 
sterile filtered (0.22 µm) and mixed 1:1 with a filtered bovine thrombin (T-4648, 
Sigma), (15 IU thrombin/ml) solution in the same culture medium to finally obtain a 
fibrin solution containing 10 mg/ml fibrinogen and 7.5 IU/ml thrombin that started to 
gel as it was poured over the mold and taken up by the knitted structure. The 
polycaprolactone-fibrin valve was left to gel in an incubator for one hour. The fibrin 
application-gelation procedure was repeated twice until the knit was fully covered by 
fibrin. The valvular scaffold was released from its mold and put inside the pulse 
duplicator system. The spun scaffold did not have large holes and was therefore placed 
inside the pulse duplicator system without fibrin gel. 
 
4.2.4 Cell seeding 
Human myofibroblasts were harvested from the vena saphena magna and expanded in 
culture medium, according to regular cell culture methods [37]. All three leaflets of 
three wetted spun valves and three wetted knitted valves in total were seeded with 
cells. For one valve, 16.8 million cells were suspended in 0.75 ml culture medium 
containing thrombin (15 IU/ml). 0.75 ml fibrinogen containing medium (20 mg/ml) 
was added, quickly mixed and this cell fibrin gel mixture was used to seed three 
leaflets from the aortic side. The aortic roots of both types of scaffolds were sealed 
with fibrin without cells. The valves were allowed to gel during 45 minutes after which 
a second fibrin layer without cells was added to the leaflets. After a subsequent gelling 
period of 45 minutes, a third fibrin layer was applied to seal any possible holes. After 
gelation of this third layer the valves were submerged in culture medium. 
 
4.2.5 Valve culture 
The six valves were statically cultured in culture medium for 24 hours, after which 
they were mounted into a bioreactor that provided the valves with continuous perfusion 
of culture medium (120 ml per valve), (Figure 4.1.b). The valves were cultured for 23 
days in the bioreactor of which the medium was refreshed every 3-4 days. 
 
4.2.6 Confocal Laser Scanning Microscopy 
After the culture period, the valves were taken out of the bioreactor and cut open 
longitudinally. Pieces of 4×4 mm were cut out of one leaflet of each valve and 
incubated for ten minutes with culture medium that was supplemented with 10 µM Cell 
Tracker Green (Molecular Probes, OR, USA). The tissue pieces were washed with PBS 
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three times and rinsed in PBS for 15 minutes to flush out all of the unbound probe. The 
pieces were submerged in culture medium, supplemented with 7,5 µM propidium 
iodide (Molecular Probes), while they were observed with a 510 confocal laser 
scanning microscope (Zeiss, NY, USA). 
 
4.2.7 Histology 
Pieces of valvular leaflet were embedded in Technovit (Kulzer, Germany) according to 
the protocol provided by the manufacturer. Histologic sections were cut 
perpendicularly to the leaflet surface, showing a cross section of the leaflet. The 
sections were stained with toluidine blue stain (0.2% in water, supplemented with 0.2% 
borax) during 2.5 minutes, rinsed with demineralized water and air-dried. 
 
4.2.8 Hydroxyproline and DNA content 
Pieces of the valvular leaflets were freeze dried, weighed and analyzed for 
hydroxyproline content according to a method adapted from Huszar et al. [117], 
described in Chapter 2. Other pieces of one leaflet of each valve were analyzed for 
DNA content in a Hoechst dye procedure [148]. In short, tissue samples were digested 
in a papain containing digestion buffer at 60˚C overnight. The samples were 
centrifuged, diluted, and Hoechst reagent (Sigma, MO, USA) was added. The amount 
of DNA in each sample was measured by fluorescence spectroscopy at 355/460 nm. 
Values were compared to a standard curve made with a series of calf thymus DNA 
solutions. 
 
4.2.9 Statistics 
Results are shown in average ± standard error of the mean. A Student’s t-test was 
performed on the normalized hydroxyproline content of the two types of valves. 
Values of p<0.05 were considered statistically significant. 
 
 
4.3 Results 

4.3.1 Pulse duplicator test 
The electrospun scaffold contained one cusp that did not completely open (Figure 4.2), 
due to high stiffness of the cusp, because of its curved shape. The surface of the leaflet-
sinus mold was not homogeneously covered with a spun PCL layer; it showed a 
thinning on the top of the mold that corresponds with the belly of the valvular cusp. It 
was at this site that the scaffold ruptured within 6 hours. Two of the three leaflet-sinus 
units were partly disconnected from the aortic wall when subjected to physiological 
flow. Furthermore, the connection of the three spun leaflets to the spun aortic wall (the 
aortic ring) was noticeably thinner than the rest of the aortic root. When the spun valve 
was dismounted from the pulse duplicator, this thin area of the aortic wall ruptured. 
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Nowhere in the knitted valve rupture was observed. The knitted scaffold showed 
proper opening and closing (Figure 4.2), as has been described in Chapter 3. 
 

 
Figure 4.2. The opening and closing of a spun scaffold (top) and a knitted scaffold 
(bottom) in the course of 6 hours. In the belly of one spun leaflet a thin area can be 
observed. The spun valve does not open symmetrically (the top right cusp opens 
poorly) and the thin area turns into an enlarging hole. The leaflet-sinus unit gets 
detached from the aortic wall and eventually one of the leaflets ruptures completely. 
The knitted valve opens and closes properly and remains intact. Opened leaflets do not 
collide with the aortic wall. 
 
4.3.2 Cell seeding 
When the valves were seeded with cells in fibrin gel, the spun valves did not take up 
the complete amount of cell-gel mixture, resulting in a separate layer on top of the 
scaffold, that was observed before and after the culture period of 23 days. The knitted 
valves absorbed the complete amount of cell-gel mixture, but due to low hydrophilicity 
of the scaffold material, could not fully contain the gel and the cell-gel mixture partly 
seeped through the large pores before gelling was completed. 
 
4.3.3 Confocal Laser Scanning Microscopy 
In both types of scaffolds, very few dead cells were observed. The observation of the 
separate cell-gel layer on top of the spun scaffolds, was confirmed by CLSM; cells had 
not fully penetrated into the spun scaffolds and a resulting low cell density was 
observed inside the spun scaffolds, whereas the layer on top of the spun scaffold (result 
not shown) showed very high cellular contents. The knitted constructs showed overall 
high cell densities. Every pore in the knitted structure that was observed had been 
overgrown with cells (Figure 4.3). 
 
4.3.4 Histology 
The macroscopic observation of the separate cell layer on top of the spun scaffold was 
confirmed by histology. The cell layer showed a high density of aligned cells. Cells 
were present in low amounts deeper in the spun scaffold. In the knitted scaffold the 
cells were predominantly located at the inner and outer leaflet surfaces, probably due to 
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limited diffusion of nutrients into the construct, that was 600 µm thick on average in 
the histologic sections. (Figure 4.4). 
 

 

 

Figure 4.3. CLSM pictures of viable (green) and dead (red) cells in the electrospun 
scaffold (left) and in the knitted scaffold (right). Dark areas are fibers (left) and fiber 
bundles (right). Cell density in the spun scaffold is low, due to poor cellular 
penetration into the scaffold. The relatively large pores of the knitted scaffold are all 
cell-filled. Scale bars represent 300 µm. 
 

  
Figure 4.4. Toluidine blue stained cross sections of the electrospun valve (left) and the 
knitted valve (right) after 23 days of perfused culture. A filtered cell layer can be 
observed on the surface of the spun scaffold, whereas the right picture shows gradually 
decreasing cell densities from both leaflet surfaces inwards. Empty sections are cutting 
artifacts, due to the fact that PCL fibers are very stiff compared to the plastic they are 
embedded in. Scale bars represent 200 µm. 
 
4.3.5 Hydroxyproline and DNA content 
Hydroxyproline contents in the spun and knitted scaffolds were 11.9 ± 1.8 µg/µg DNA 
and 14.4 ± 2.4 µg/µg DNA, respectively (Figure 4.5). Student’s t-test did not show a 
significant difference in these results (p=0.40). DNA content was 0.54 ± 0.10 µg/mg 
tissue and 0.15 ± 0.06 µg/mg tissue, respectively. The DNA amounts are highly 
different, predominantly caused by the fact that the fraction of the dry weight attributed 
to the scaffold is lower for the spun constructs than for the knitted constructs, roughly 
estimated to be 39% and 88%, respectively. The standard error of the mean DNA 
content was 19% of the mean for the spun scaffolds and 37% of the mean for the 
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knitted scaffolds, implying that cell seeding on the spun scaffold might be more 
reproducible than on the knitted scaffold. This observation corresponds with the fact 
that the knitted scaffold is permeable and leaks uncontrollable amounts of cells, 
whereas the spun scaffold is a cell filter, nearly impermeable to cells. Since the leaflets 
of the spun scaffold were concave and seeded from the top, all cells were conserved on 
top of the scaffold. 
 

  
Figure 4.5. Hydroxyproline content, normalized to DNA content, and DNA content of 
the spun and knitted valvular constructs. Normalized hydroxyproline content - as an 
indicator for collagen content – did not show a significant difference between the two 
scaffold types. DNA content was different, mainly caused by a different scaffold weight 
fraction in the total construct. 
 
 
4.4 Discussion 

The studied knitted scaffold is stronger than the spun scaffold. In the knitted scaffold 
tangled loops make firm connections, but on the other hand fiber diameter in the 
knitted scaffold is larger and the fraction of dry weight attributed to the scaffold is 
higher in a knitted valve. This causes the mechanical properties of the whole construct 
to be more scaffold-like than tissue-like and consequently stronger. For a better 
comparison of the fabrication methods it would have been more appropriate to use a 
multifilament yarn that is both suitable for knitting machines and consists of filaments 
that have the same diameter as the electrospun fibers, but these were not available. 
 
The effect of scaffold presence on tissue formation in a valve cannot be foreseen with a 
short term study like the present one, since it has to take the degradation of the PCL 
and in vivo responses into account as well. Since the degradation rate of PCL is low 
[93], this question remains to be studied in an in vivo setup after a tissue engineered 
valve has been implanted. Nonetheless, an inflammatory reaction remains a risk 
associated with implantation of a polymer. 
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Electrospinning a valve with complex geometry is feasible, but due to an 
inhomogeneous electric field distribution on a mold with complex geometry, 
preferential deposition of the electrospun fiber makes the thickness of a spun layer 
non-uniform. This was evident in the bellies of the leaflets and the aortic ring, where 
the spun scaffold was very thin and tore easily. The advantage of electrospinning as a 
technique specifically suitable for complex geometries is only valid when uniform 
thickness is not a scaffold requirement. For the fabrication of a valvular scaffold, fiber 
deposition is especially important in areas where the valvular mold hampers fiber 
deposition, such as the commissures. For this reason electrospinning methods as 
presented here are not suitable for valvular scaffold fabrication. 
 
Cells proliferate well on both types of scaffolds, but penetrate poorly into the studied 
spun scaffold, although pore size in the scaffold is sufficiently large to allow cellular 
access. The lack of mechanical integrity of the spun scaffold could be compensated by 
production of extracellular matrix, provided that sufficient amounts of cells are present 
to produce this extracellular matrix, which, in this study, are not. An advantage of 
electrospinning is the fact that fiber diameter and pore size, although mutually 
dependent, are controllable [149]. This is a processing property that should be explored 
to enable proper cellular ingrowth. 
 
Cellular penetration into the knitted scaffold was adequate and yielded cell-filled pores 
with aligned cells. Seeding efficiency into the knitted scaffold is not optimal; we 
expect that it can be ameliorated by making the scaffold more hydrophilic. This can be 
done by exposing the scaffold to sodium hydroxide solutions, as was done before with 
PGA scaffolds, e.g. by Gao et al. [150], who demonstrated that attachment of vascular 
smooth muscle cells increased after scaffold immersion in a sodium hydroxide 
solution. What the effects of such an alkaline treatment are on the mechanical 
properties of the PCL scaffolds remains yet to be studied. 
 
 
4.5 Conclusions 

Electrospinning and knitting are both straightforward techniques to produce  scaffolds. 
The knitted scaffold remained intact under physiologic loading, whereas the spun 
scaffold ruptured. Collagen production on both scaffolds is similar and cellular 
proliferation is adequate. A difference between the two types of scaffolds is the 
permeability to cells. Whereas the knitted scaffold shows a high permeability and 
subsequent cell spoilage, the spun scaffold shows a low permeability and consequent 
poor cellular penetration. When these two properties are combined in one scaffold that 
is knitted with a thin spun layer on the side opposite to the seeding side, we expect to 
have a combination of advantages resulting in a strong scaffold with enhanced cell 
seeding properties. 
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5.1 Introduction 

For tissue engineering of aortic valves, it is believed that fast and efficient extracellular 
matrix formation is desirable. Development of embryonic heart valves and adaptation 
of fully grown heart valves both occur under flow and pressure conditions. This has 
inspired research groups to tissue engineer valves under similar circumstances, to 
stimulate the seeded cells to produce and organize extracellular matrix components. 
Static and dynamic in vitro straining of cell-seeded cardiovascular constructs has been 
demonstrated to have a positive effect on collagen deposition and was shown to cause 
anisotropy and increased Young’s modulus of tissue engineered constructs 
[69,151,152,153,154]. Applying in vitro laminar flow (shear stress) to cardiovascular 
constructs and ex vivo valves was also demonstrated to have an effect on tissue 
proliferation, cellular and matrix alignment, but predominantly on constructs with an 
endothelial surface layer [155,156]. Although mechanical conditioning has shown to be 
beneficial for tissue engineering constructs, the question what the ideal culture 
conditions are and what an optimal straining protocol should be, are subject of ongoing 
research.  
 
Heart valve bioreactors have been developed that closely mimic the pressure and flow 
conditions of the adult circulatory system, such as the biomimetic flow culture system 
by Dumont et al. [157], the MRI compatible pulse duplicating system by Rutten et al. 
[124], and the bioreactor by Hildebrand et al. [158]. In these complex bioreactors, 
valvular constructs are exposed to physiologic strains and shear stresses 
simultaneously. Several, less complex bioreactors have been designed for tissue 
engineering of blood vessels [152,159,160,161,162] and heart valves [40,163,164]. In 
these studies, mechanical stimuli for heart valve tissue engineering varied from culture 
at 30 - 75 mmHg and 125 - 750 mL/min [40] to 60/40 mmHg and 3 L/min [164]. 
 
In constructs without an endothelial surface layer, strain-based culture conditions 
stimulate seeded myofibroblasts to deposit extracellular matrix. We hypothesized that a 
stentless valvular construct, strained in diastolic position but not exposed to 
physiologic shear stresses, will yield functional tissue engineered aortic valves. A 
bioreactor, designed to serve this purpose, has to meet several requirements: it must be 
1) compact in size, 2) biocompatible, 3) sterilizable, 4) easy to handle, 5) easy to keep 
sterile during the culture period, 6) enable the possibility to measure pre- and 
postvalvular pressures, 7) enable visualization of the valvular construct in order to 
measure strains in the valve cusps, and 8) self-deairing. Straining of the valvular cusps 
is caused by medium convection, and thus 9) perfusion-based valve culture must be 
possible as well, to serve as a control for strain-based culture. A comparable bioreactor, 
for tissue engineering of heart valve leaflets, is described by Mol et al. [165]. The 
subject of this chapter is to present the adopted bioreactor for stentless valves, to 
determine the magnitude of the imposed strains and the possible effect these strains 
have, and to evaluate the valves that were cultured in this bioreactor. Properties of the 
cultured valves that are considered are opening and closing behavior and possible 
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leakage under aortic pressures and flows, cellular proliferation, and extracellular matrix 
formation. 
 
 
5.2 Materials and Methods 

5.2.1 The bioreactor setup 

Figure 5.1 left) Picture and right) scheme of the strain-based bioreactor setup. Medium 
is pumped in a pulsatile manner from an open but filter-fitted medium vessel (A) by a 
pump (B) that is air-driven (C). The valve in the valve chamber (D) is strained in 
diastolic position; this can be visualized through a glass window (E, left). Pressures 
can be measured at luer lock sites in the bioreactor (F), that can be easily connected to 
pressure domes. Compliance is provided by a partially medium-filled connected 
syringe (G), in which a medium jet protrudes every time the valve is loaded. The 
medium flows back from the valvular chamber to the medium vessel through small-
lumen silicone tubing. A perfusion-based control setup can be made similarly, by 
connecting the tubing from the pump to the base of the valvular chamber, such that the 
valve is only perfused from the ventricular side towards the aortic side and not 
strained. Compliance and pressure measurements are omitted in the perfusion-based 
control setup. 
 
The bioreactor (Figure 5.1) consists of three parts: the cylinder in which the valve is 
mounted (D), a pressure device that generates pulsatile flow (B), and a medium 
container (A). Silicone tubing (Rubber, the Netherlands) and polypropylene connectors 
(Neolab, Germany) connect the three parts and the one-way valves (Qosina, NY, USA) 
that are fitted on either side of the pressure device. The three parts are made of 
polycarbonate (KUBRA kunststoffen, the Netherlands). The part in which the valve is 
cultured, consists of three parts itself: the lid, that has two openings for connections to 
the pressure device and to the medium container and a glass window (Melles Griot BV, 
the Netherlands), through which visual recordings can be made during valve culture, 
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the valve chamber, in which the valvular construct is mounted, and a base, that 
connects the valve chamber to a syringe, that is a compliance, and to a pressure 
measurement dome (Ohmeda, Finland) The three parts of the valve culture cylinder, 
are fitted to one another and sealed with silicone O-rings (Van der Heijden, the 
Netherlands). The pressure device is pneumatic: the medium containing silicone tube 
that runs through its polycarbonate pipe is compressed and decompressed by air from a 
compressed-air tap, reduced to a pressure of two bar and released in a pulsatile manner 
(0.9 Hz) through a proportional magnet valve (Festo, the Netherlands). Because the 
pressure device is connected to two one-way valves, a unidirectional, pulsatile flow is 
created. The released air pressure can be regulated from 0 to 2 bar in units of 0.2 bar. A 
teflon pipe with large punched holes in it is placed inside the silicone tube in the 
pressure device, as to prevent the silicone tubing from collapsing and not returning to 
its original state; it acts as a stent. The whole setup is autoclaved before use and was 
shown to be biocompatible, as is reported in [124], that describes a bioreactor, made of 
the same materials. The strain-based culture of a valve was done in triplo in three 
separate bioreactors. As a control group, three valves were cultured under perfusion. 
 

polyurethane covered knitted scaffold 
bare knitted scaffold 
leaflet – aortic wall attachment line 

Figure 5.2. Schematic representation of a polyurethane covered valvular scaffold, cut 
open longitudinally, seen from the outside of the aortic root. The aortic root is 
completely covered with polyurethane, except for the valvular leaflets and the area 
around the leaflet-aortic wall attachment line. 
 
5.2.2 Scaffold preparation 
A multifilament (335 dtex f68) polycaprolactone (PCL, Mw 50,000) yarn, Grilon KE-
60 (EMS Griltech, Domat, Switzerland), was used for the double-bed knitting (Varitex, 
Haarlem, Netherlands) of 72 x 72 mm square patches with three leaflets knitted on as 
semilunar pockets. The patches were sutured into tubes with the same polycaprolactone 
yarn that they had been knitted of. The knitted valves were shaken in a 4M NaOH 
solution for 24 hours to dispose of the anti-static buildup layer of oils and non-
crosslinked polysiloxanes and to enhance cellular attachment and increase 
hydrophilicity, as is described in Gao et al. [150] and Oyane et al. [166]. The scaffolds 
were extensively flushed with water, and air-dried. Each of the knitted scaffolds was 
pulled over a stainless steel, open position, valvular mold [121]. The aortic root of each 
valvular scaffold was covered with a 20% solution of polyurethane (PU), (DSM, 
Netherlands) in tetrahydrofuran, and the solvent was let to evaporate. After 
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evaporation, the result was an aortic root that was sealed with a polyurethane layer that 
left the leaflets and the leaflet-aortic wall attachment areas free of polyurethane, in 
order to allow cell growth on the leaflets and into the commissure area, as is 
schematically depicted in Figure 5.2. Two silicone O-rings (Van der Heijden, the 
Netherlands) were attached to a piece of polyurethane tubing and glued to the top and 
bottom side of each scaffold, in order to create an air-tight fit to the valve chamber of 
the bioreactor. The leaflets of the to be strained scaffolds were sutured together with 
one suture in the middle of the coaptation area, to make sure the valves would be 
closed during diastolic loading. The knitted PCL - PU covered scaffolds were shaken 
in 70% alcohol overnight to obtain six sterile aortic valvular scaffolds (Figure 6.1 
right).  
 
5.2.3 Valve culture 
Valves were seeded and cultured similarly to the knitted valves in Chapter 4. In short: 
human myofibroblasts were harvested from the vena saphena magna and expanded in 
culture medium, according to regular cell culture methods [37]. Culture medium 
consisted of DMEM Advanced, supplemented with 1% Glutamax (both Gibco, Paisley, 
Scotland UK), 10% FBS, and 0.1% gentamycin (both Biochrom, Berlin, Germany). 
For one valve, 25 million cells were suspended in 0.375 ml culture medium containing 
thrombin (15 IU/ml), (T-4648, Sigma, MO, USA). 0.375 ml fibrinogen containing 
medium (20 mg/ml), (F-8630, Sigma) was added, quickly mixed and this cell fibrin gel 
mixture was used to seed three leaflets and leaflet-wall attachment areas from the 
ventricular side. The valves were allowed to gel during 45 minutes in an incubator. 
After gelation the valves were submerged in culture medium, consisting of DMEM 
Advanced, supplemented with 10% FBS, 1% Glutamax, 0.3% gentamycin, and 260 
mg/l ascorbic acid 2-phosphate (A-8960, Sigma, MO, USA), to optimize myofibroblast 
growth and extracellular matrix accumulation [147]. After 24 hours, all valves were 
mounted into the bioreactors and cultured under perfusion for three days. Then the 
valves were split into two groups, of which one (N=3) was strained during the 
remaining 24 days of culture and the other group (N=3) was perfused but not strained. 
Half of the culture medium (80 of 160 ml per valve) was refreshed every three to four 
days. The released air pressure from the proportional magnet valve was increased over 
time, according to the plot in Figure 5.5.a. 
 
5.2.4 Pressure difference over the valve 
Every three to four days, pressure measurements were done on both aortic and 
ventricular side of one of the three valvular constructs (Ohmeda, Finland) and the 
pressure difference was determined. The maximum values from the pressure difference 
obtained versus time plots, were used for further analysis and are further referred to as 
‘maximum pressure difference’. 
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5.2.5 Strains in the leaflet bellies 
Every three to four days, strain measurements were done through the glass window in 
the bioreactor lid with a high speed camera (Motion Corder Analyzer, Kodak, USA) 
that records 140 images per loading cycle of the same valve over which the pressure 
differences were measured. From every recorded loading cycle, an image of the valve 
belly in unloaded state and an image in maximally strained state were selected and two 
corresponding spots on the two images were marked as a reference for strain 
measurements (Figure 5.3). Lines were drawn manually from stitch to stitch (N=22±7 
per image) in circumferential direction. This direction was chosen because in radial 
direction the angle of the leaflet to the line of view changes during a loading cycle, and 
in circumferential direction the leaflet belly remains perpendicular to the line of view, 
making the distance between two stitches representative of strain only and not of 
leaflet motion. Strains were defined as the increase in this distance divided by the 
initial distance. The relative length of the drawn line in the strained state image was 
determined and strains were averaged over the whole image. Not all recorded images 
were usable to determine the strains from because the contrast was too low or the angle 
of the leaflet to the line of view was too little for the holes in between the stitches to be 
defined properly. 
 

 
Figure 5.3. Images of leaflet bellies of valves in culture, made with a high speed 
camera. left) unloaded state and right) loaded state. The white squares are markers for 
corresponding spots on the two images. Lines are drawn between the stitches on the 
image of the knitted structure, to determine the strains of loaded versus unloaded state. 
Scale bars represent 1 mm. 
 
5.2.6 Hydroxyproline and DNA content 
Pieces (N=3 per valve) of the valvular leaflets were freeze dried, weighed and analyzed 
for hydroxyproline content according to a method adapted from Huszar et al. [117], 
described in Chapter 2. Other pieces (N=3 per valve) were analyzed for DNA content 
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in a Hoechst dye procedure [148]. In short: tissue samples were digested in a papain 
containing digestion buffer at 60˚C overnight. The samples were centrifuged, diluted, 
and Hoechst reagent (Sigma, MO, USA) was added. The amount of DNA in each 
sample was measured by fluorescence spectroscopy at 355/460 nm. Values were 
compared to a standard curve made with a series of calf thymus DNA solutions. 
 
5.2.7 Pulse duplicator – flow behavior test 
The pulse duplicator is extensively described in [124] and summarized in Chapter 3. 
Before the tissue engineered valves were tested, a Medtronic freestyle stentless porcine 
valve was used to tune the pulse duplicator system to a physiologic flow profile and 
pressure of 120/80 mmHg. The tissue engineered leaflets that had partly coalesced 
during valve culture, were cut apart. The valve chambers, containing the cultured 
valves, were detached from their bases and lids and were placed inside the pulse 
duplicator. Pre- and postvalvular pressures and forward and backflow through the 
tissue engineered valves were measured. Flow data underwent a baseline correction 
that consisted of a horizontal shift in the flow versus time plot such that the horizontal 
part of the curve was zero on average. When a valve shows leakage while it is closed, a 
horizontal part of the flow curve is absent and such a baseline correction was not done. 
 
5.2.8 Statistics 
Results are shown in average ± standard error of the mean. Student’s t-tests were 
performed on the amount of DNA and hydroxyproline content of the two groups of 
valves. Values of p<0.05 were considered statistically significant. 
 
 
5.3 Results 

5.3.1 Valve culture 

 
Figure 5.4. Two tissue engineered leaflets after four weeks of culture. left) a leaflet 
from valve e that was only perfused during culture and right) a leaflet from valve d that 
was strained during culture. The perfused leaflet shows better tissue formation and a 
smoother surface than the strained leaflet. The dimensions of the perfused leaflet are 
smaller, due to higher compaction of the tissue in both circumferential and radial 
direction. The scale bar represents 1 cm. 
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After the pulse duplicator test, the six tissue engineered valves were taken out of the 
valve chambers, cut open longitudinally and examined visually. A striking difference 
in tissue formation between the perfused and strained groups was observed, as well as 
a leaflet size difference, as is representatively depicted in Figure 5.4. 
 
5.3.2 Pressure difference over the valve 
The setting of the released air pressure out of the proportional magnet valve in time is 
shown in Figure 5.5.a. The setting of the air pressure and the resulting maximum 
pressure difference over the cultured valve are shown in Figure 5.5.b. The correlation 
coefficient from the trendline obtained from the latter plot is R2=0.88. 
 
  

   

Figure 5.5. a) Straining protocol of the tissue engineering process. The released air 
pressure from the proportional magnet valve was gradually increased during the 
culture period. b) The resulting maximum pressure difference over the valve, related to 
the set air pressure. Correlation of these two parameters is not high (R2=0.88) c) the 
measured strains in the leaflet bellies, related to the maximum pressure difference. 
Correlation of these two parameters is low (R2=0.45) and d) the measured strains in 
the valve bellies over time. 
 
5.3.3 Strains in the leaflet bellies 
The determined strains in the leaflet bellies are depicted in Figure 5.5.c and d. A large 
variability within the measurements of one image was found, as can be deduced from 
the large standard errors of the mean in Figure 5.5.c and d. Average values were 
relatively high (up to 32%). The correlation between the measured maximum pressure 

b a 

d c 
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difference over the valve and the measured strain in the leaflet belly was poor 
(R2=0.45), which implies that maximum pressure difference over the valve in this setup 
is not a good indicator for actual imposed strain. 
 
5.3.4 Hydroxyproline and DNA content 
A Student’s t-test did not reveal a significant difference in the DNA contents of the two 
groups (p=0.61). The hydroxyproline content was significantly larger in the perfused 
group versus the strained group (p=0.02). The numerical results of the biochemical 
assays are depicted in Figure 5.6. 
 
  

Figure 5.6. Amount of DNA and hydroxyproline in constructs from the strained and 
perfused groups after four weeks of culturing. The error bars indicate the standard 
error of the mean. A student’s t-test did not reveal significant differences in cell 
number (DNA), (p=0.61), but it did for hydroxyproline content (HP), (p=0.02). 
 
5.3.5 Pulse duplicator - flow behavior test 
The strained valves showed considerable leakage (Figure 5.7), compared to the 
perfused valves, except for one perfused valve, that did not close at all, because its 
leaflets were compacted to the extent that the leaflets did not coapt. In this valve, 
leakage is massive (Figure 5.7.g) and pre- and postvalvular pressure curves of this 
valve nearly completely merge (not shown). The shapes of the flow versus time plots 
are different for the strained valves compared to the perfused valves: all valves show a 
dip below zero of the flow when the valve is closing; the closing volume. After this 
dip, the flow curves of the perfused valves show an immediate return to zero flow, 
whereas the flow curves of the strained valves gradually increase towards zero, 
implicating leakage through the closed valve. 
 
 
5.4 Discussion 

The presented bioreactor for stentless valves performs well in culture and was shown 
to be suited for both perfusion-based and strain-based valve culture. Strain magnitude  
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Figure 5.7. Flow (L/min) versus time plots of one cycle in the pulse duplicator of a) a 
porcine valve the system was tuned with, b,c,d) three strained valves, and e,f,g) three 
perfused valves. Quantitative regurgitation values are defined as the total backflow 
divided by total forward flow over 16 periods and are given in each plot. 
 
measurements are possible with the image analysis of the images obtained through the 
glass window in the bioreactor, although the method applied to measure strains is 
somewhat laborious. In this setup, control over the imposed strains is poor and 
consequently applied strains were high. The only controllable parameter is the air 
pressure released from the magnet valve. Correlation of this parameter with the final 
magnitude of the imposed strain is nearly absent (Figure 5.5.a and d).  
 
Although maximum pressure differences did not exceed 7 mmHg, the measured 
average strains were very large. Large strains can cause cell death [167,168] and likely 
caused the considerable leakage of the strained valves under aortic flow and pressure 
circumstances in this study. Although the DNA content of the strained valves did not 
differ significantly from that of the perfused valves, macroscopic tissue formation was 
not as good, likely caused by the exposure of the valves to large strains. In accordance 
with macroscopic poor tissue formation, hydroxyproline content is significantly lower 
in the strained valves. Although DNA content is not significantly lower in these valves, 
this means either that cells in the perfused valves produce more collagen or that a 
larger fraction of the DNA content in the strained valves represents dead cells, or both. 
An explanation for the occurrence of large strains at an initial, low pressure difference 
over the valve, is that the tissue is still weak and thin at the beginning of the culture 
period. A feedback system that determines strain and controls newly imposed 

a - 6%

b - 53% c - 45% d - 35% 

e - 9% f - 9% g - 93% 
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conditions to adjust the strain magnitude is therefore recommendable in a setup such as 
the one used in this study. Hence, pressure difference is not a good determinant for 
strain magnitude in this setup, because the used scaffold material, fibrin, has a low 
Young’s modulus [126] and might therefore respond fiercely to local high stresses and 
the gel may have been applied in varying thickness throughout the surface of the valve, 
which is a parameter that has large consequences but is difficult to control.  
 
Large strains were measured at a very low maximum pressure difference over the 
valve. This makes control over the applied strains even more difficult, because the 
range in which the pressure difference should be in order to impose smaller strains, is 
very narrow.  
 
Although it is known from numerical studies that strains over the valvular leaflet in 
diastole vary strongly with location on the leaflet [120], it was assumed to be 
reasonable to average the measured strains over the image that was analyzed, since the 
image represents an area of approximately 5×5 mm in the middle of the leaflet belly; 
an area in which this variation was calculated to be low. 
 
The perfusion-based valves that closed in aortic flow and pressure conditions, showed 
better flow versus time plots and less leakage than the strain-based valves. However, 
one of the perfusion-based valves had compacted to a large extent during culture and 
its smaller leaflets did not coapt. The reason why the leaflets of this valve compacted 
highly and the others did not, is unknown. Future work should focus on this problem, 
as it is crucial for a functional tissue engineered valve that this extensive compaction 
does not occur. 
 
 
5.5 Conclusions 

With this bioreactor it is possible to continuously perfuse valves and strain valves 
throughout the culture period. A method to quantify strains in valvular constructs has 
been developed and it showed that applied strains are high at a low pressure difference 
over the valve. However, the protocol and device used in this study, did not lead to 
functional strain-based tissue engineered valves. Strain-based culture should be 
performed in a feedback system, that can determine strains and adjust parameters 
accordingly. The perfusion-based valves that closed during the tests performed better 
under aortic flow and pressure circumstances and showed better tissue formation than 
their strain-based counterparts. It is therefore recommended to culture valves in a 
perfusion-based setup.  
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6.1 Introduction 

Creation of a functional tissue engineered, in vivo tested aortic valve, based on a 
synthetic scaffold, is a challenge that has not been met yet. Many studies have been 
performed in which cardiac semilunar valves were successfully tissue engineered from 
seeded cells on a synthetic scaffold, e.g. [59,60,67,68,69,80,81,82]. From these, the 
valves that were tested in vivo had in common that they were implanted in the 
pulmonary artery, a site where total blood flow is equal to that in the aorta, but pressure 
gradients over the pulmonary valve are lower. Aortic blood pressure is 120/75 mmHg 
on average, with a maximum pressure difference over the aortic valve of 
approximately 110 mmHg whereas blood pressure in the pulmonary artery is 25/8 
mmHg, with a maximum pressure difference over the pulmonary valve of 
approximately 16 mmHg [105]. Hence, the maximum pressure difference over the 
valve during diastole, which is the phase of the cardiac cycle in which high stresses are 
exerted on the valve [120], is seven times larger in the aorta, compared to the 
pulmonary artery.  
 
In previous tissue engineering studies valves were either cultured statically, 
dynamically strained, or while perfused. From the results in Chapter 5 regarding 
perfusion-based and strain-based culture and results obtained by Mol [69] regarding 
static culture, it can be concluded that perfusion-based valve culture leads to 
functionally better tissue engineered aortic valves, as compared to static or strain-based 
culture, as it was performed in Chapter 5. This is possibly due to the fact that strain-
based valve culture, described in Chapter 5, was ill-controlled. Because the optimal 
straining protocol is still a subject of ongoing research and static culture yields poor 
results, perfusion-based culture was chosen as the method to culture valves. 
 
This chapter presents a study that was done in tissue engineering of semilunar valves, 
cultured under perfusion and based on knitted, fibrin covered, polycaprolactone 
scaffolds, and their performance in aortic pressures and flows. Properties of these 
valves that are considered are DNA content, tissue formation, and extracellular matrix 
formation. Current performance criteria are opening and closing behavior and leakage 
of these valves under aortic circumstances in short term tests. 
 
 
6.2 Materials and Methods 

6.2.1 Scaffold preparation 
A multifilament (335 dtex f68) polycaprolactone (PCL, Mw 50,000) yarn, Grilon KE-
60 (EMS Griltech, Domat, Switzerland), was used for the double-bed knitting (Varitex, 
Haarlem, Netherlands) of 72 x 72 mm square patches with three leaflets knitted on as 
semilunar pockets. The patches were sutured into tubes with the same polycaprolactone 
yarn that they had been knitted of. The knitted valves were shaken in a 4M NaOH 
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solution for 24 hours to dispose of the anti-static buildup layer of oils and non-
crosslinked polysiloxanes and to enhance cellular attachment and increase 
hydrophilicity, as is described in Gao et al. [150] and Oyane et al. [166]. The scaffolds 
were flushed with water extensively, and air-dried. Each of the knitted scaffolds was 
pulled over a stainless steel, open position, valvular mold [121]. The aortic root of each 
valvular scaffold was covered with a 20% solution of polyurethane (PU), (DSM, 
Netherlands) in tetrahydrofuran, and the solvent was let to evaporate. After 
evaporation, the result was an aortic root sealed with a polyurethane layer that left the 
leaflets and the leaflet-aortic wall attachment areas free of polyurethane, in order to 
allow cell growth on the leaflets and into the commissure area. Two silicone O-rings 
(Van der Heijden, the Netherlands) were attached to a piece of polyurethane tubing and 
glued to the top and bottom side of each scaffold, in order to create an air-tight fit to 
the valve chamber of the bioreactor. The knitted PCL - PU covered scaffolds were 
shaken in 70% alcohol overnight to obtain eight sterile aortic valvular scaffolds (Figure 
6.1.right). 
 
6.2.2 Valve culture 
The tissue engineered perfusion-based valves (N=8) were cultured in three 
experiments, of which one (N=3) is the perfusion-based group of the experiment 
described in Chapter 5. Valve culture was done according to the procedure described in 
Chapter 5. Briefly, for each valve of the first set of valves (N=3), 25 million human 
myofibroblasts were suspended in 0.375 ml culture medium containing thrombin (15 
IU/ml), (T-4648, Sigma, MO, USA). 0.375 ml fibrinogen containing medium (20 
mg/ml), (F-8630, Sigma) was added, quickly mixed and this cell-fibrin-gel mixture 
was used to seed three leaflets and leaflet-wall attachment areas from the ventricular 
side. On each valve of the second (N=3) and third set of valves (N=2), 33 and 38 
million cells were seeded, respectively, using the same protocol. All eight valves were 
allowed to gel during 45 minutes in an incubator. After gelation the valves were 
submerged in culture medium. After 24 hours, all valves were mounted into the 
bioreactors and cultured under perfusion for 27 days. 
 
6.2.3 The bioreactor setup 
The bioreactor, described in Chapter 5, was used for perfusion-based valve culture. All 
valves were perfused from ventricular to aortic direction, as not to strain the leaflets. A 
schematic picture is given in Figure 6.1.left. 
 
6.2.4 Hydroxyproline, DNA, and glycosaminoglycan content 
Pieces (N=5 per valve) of the valvular leaflets were freeze dried, weighed and analyzed 
for hydroxyproline content as a measure for collagen production, according to a 
method adapted from Huszar et al. [117], described in Chapter 2. Other pieces (N=5 
per valve) were analyzed for DNA content in a Hoechst dye procedure [148]. In short: 
tissue samples were digested in a papain containing digestion buffer at 60˚C overnight. 
The samples were centrifuged, diluted, and Hoechst reagent (Sigma, MO, USA) was 
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added. The amount of DNA in each sample was measured by fluorescence 
spectroscopy at 355/460 nm. Values were compared to a standard curve made with a 
series of calf thymus (Sigma, USA) DNA solutions. The same digested samples were 
used to determine GAG content in a procedure analogously to that described by 
Farndale et al. [169]. Briefly, 150 µl of DMMB color reagent (46 µM 
dimethylmethylene blue, 40.5 mM glycin, 40.5 mM NaCl, pH 3.0) was added to 40 µl 
of each digested sample solution and gently shaken. The absorbencies at 540 and 595 
nm were read within 5 to 10 minutes and subtracted from one another. The amount of 
GAG in the samples was determined from a standard curve prepared from chondroitin 
sulfate from shark cartilage (Sigma, USA) in addition to the samples. 
 
6.2.5 Pulse duplicator – flow behavior test 
The pulse duplicator is extensively described in [124] and summarized in Chapter 3. 
Before each of the three groups of tissue engineered valves were tested, a Medtronic 
freestyle stentless porcine valve was used to tune the pulse duplicator system to a 
physiologic flow profile and pressure of 120/80 mmHg. The valve chambers, 
containing the cultured valves, were detached from their bases and lids and were 
placed inside the pulse duplicator. Pre- and postvalvular pressures and forward and 
backflow through the tissue engineered valves were measured. During the tests, valves 
opened and closed with a frequency of 17.5 bpm (0.3 Hz) during a period ranging from 
15 minutes to one hour. In the flow versus time plots, the baseline zero flow was 
defined as the average of the horizontal part in the flow plot. When a valve shows 
leakage while it is closed, a horizontal part of the flow curve is absent and such a 
baseline correction was not done. Regurgitation was defined as the total backflow over 
16 periods through the valve divided by the total forward flow over 16 periods.  
 

 

Figure 6.1. left) Scheme of the perfusion-based bioreactor setup. Medium is pumped 
pulsatilely from an open but filter-fitted medium vessel (A) by a pump (B) that is air-
driven (C). The valve in the valve chamber (D) is perfused with culture medium from 
the ventricular side towards the aortic side and not strained. right) Scaffold before cell 
seeding. The knitted polycaprolactone (PCL) structure is covered with a polyurethane 
(PU) layer, leaving the leaflets and commissure area free of PU, allowing cellular 
ingrowth. Top and bottom of the scaffold are glued to a PU tube and a silicone ring. 
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6.2.6 Histology 
Pieces of valvular leaflet belly regions were embedded in Technovit (Kulzer, 
Germany) according to the protocol provided by the manufacturer. Histologic sections 
were cut perpendicularly to the leaflet surface, showing a cross section of the leaflet. 
The sections were stained with toluidine blue stain (0.2% in water, supplemented with 
0.2% borax) during 2.5 minutes, rinsed with demineralized water and air-dried. 
 
6.2.7 Statistics 
Calculated average values of total regurgitation, DNA content, and hydroxyproline 
content values are shown as average ± standard error of the mean. 
 
 
6.3 Results 

6.3.1 Valve culture 
Leaflets and commissure areas of cultured valves all looked smooth and completely 
filled with tissue. Macroscopic holes were neither before nor after performance testing 
visible. As described in Chapter 5, one of the valves of the first experiment had leaflets 
that had smaller dimensions than all other valves, due to high compaction. As a 
consequence of this, this valve did not close during the test in the pulse duplicator. 
 
6.3.2 Hydroxyproline, DNA, and glycosaminoglycan content 

 

Figure 6.2. Amount of DNA and hydroxyproline in all eight valves and the averaged 
values of eight valves. The first experiment, described in Chapter 5, are valves a, b, 
and c. The second experiment are valves d, e, and f. The last experiment are valves g 
and h. The error bars indicate standard errors of the mean.  
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Figure 6.3.a-h (left page) Flow versus time plots of all eight valves with corresponding 
calculated total regurgitant fraction, representative images of belly region histologic 
sections, and pressure versus time plots of aortic (upper) and ventricular (lower) 
pressures. The valve that did not close (c), has highly compacted and thick leaflets. 
Void areas in the sections are cutting artefacts, due to the high stiffness of the 
polycaprolactone fibers, compared to the stiffness of the plastic the tissue had been 
embedded in. Scale bars represent 400 µm. 
 
The average DNA content of the eight tissue engineered valves was 1.1 ± 0.3 µg/mg 
construct, with a range of 0.4 to 2.6 µg/mg construct. The average hydroxyproline 
content was 4.3 ± 0.7 µg/mg construct, with a range of 1.4 to 6.4 µg/mg construct. The 
average amount of GAG (not shown) was 8.5 ± 1.3 µg/mg construct with a range of 5.0 
to 13 µg/mg construct. 
 
6.3.3 Pulse duplicator – flow behavior test 
 

Figure 6.4. Pictures taken of tissue engineered valve f inside the pulse duplicator. The 
valve shows complete closure and a triangular orifice when opened. 
None of the valves showed rupture or macroscopic damage of any other sort after they 
had been tested under aortic circumstances, which was to be expected from the results 
of the scaffold durability tests, described in Chapter 3. The systolic aortic and systolic 
ventricular pressure of all valves nearly merge; the valves present little resistance to 
forward flow. A pressure gradient over the valve during systole is hardly visible, 
except in valve d, where a maximum pressure gradient during systole is 10 mmHg 
(Figure 6.3). All valves showed suitable opening and closing behavior, an example of 
which is shown in Figure 6.4, except for valve c, that did not close at all. As a 
consequence of this, the pressure curves of aortic and ventricular pressure of valve c 
nearly completely merge (Figure 6.3.c).  
 
The average regurgitation of the valves that did close (Figure 6.3.a,b,d-h) was 12 ± 
2.2% (range: 7-21%), versus 4.7 ± 0.9% (range: 3.2-6.2%) for the porcine valve the 
pulse duplicator system had been tuned with three times. The flow versus time plots of 
all closing valves showed a large positive peak, followed by a dip below zero, followed 
by an immediate return to zero flow. This shows that the tissue engineered valves have 
a closing volume that is larger than that of the tested porcine valve, but once these 
valves are closed, they do not allow for regurgitation. 
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6.3.4 Histology  
Uniform tissue formation could be observed in all leaflets. Cells were omnipresent 
throughout the valvular leaflets, even in between the filaments of the polyester fiber 
bundles. At the inner and outer surfaces of the valvular leaflets cell concentration was 
higher than in the middle, probably due to diffusion limits of nutrients into the leaflets, 
that were up to 900 µm thick.  
 
 
6.4 Discussion 

As is described in ISO standards for non-active heart valve substitutes [123], the 
regurgitant volume is the sum of the closing volume and the leakage volume, as is 
depicted in Figure 6.5. Leakage volume is associated with leakage through the closed 
valve. When Figure 6.5 is compared to the obtained flow versus time plots of the tissue 
engineered valves (Figure 6.3.a-h), it can be concluded that the tissue engineered 
valves, except for valve c that did not close, show a closing volume that is 12% of total 
forward flow on average, but signs of leakage are absent. The considerable closing 
volumes that were measured in the tissue engineered valves are likely due to the 
rigidity of their leaflets; a Young’s modulus before transition point in radial direction 
of 12 ± 3 MPa was measured in valve g and h (N=3 samples per valve). The Young’s 
modulus in radial direction of porcine valves beyond transition point has been reported 
to be 1.1 – 4 MPa (Table 1.1). In conclusion, the tissue engineered valves are much 
stiffer. 
 

closing volume (cv) 
leakage volume (lv) 
regurgitant volume = cv + lv 

Figure 6.5. Schematic flow versus time plot of an aortic valve showing regurgitant 
volume (closing volume plus leakage volume) for one cardiac cycle. 
 
The Young’s modulus of the leaflets of two of these eight valves has been determined 
by uniaxial tensile testing. The relevance of the results of these tensile tests is limited 
for several reasons. When a strip of leaflet is cut out of a cultured valve based on a 
knitted scaffold and it is submitted to increasing tensile stress, the edges of this strip 
are frayed and before the contribution of the fibers to the mechanical strength of the 
total construct can be determined, individual yarns have been pulled out. Consequently, 
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only the contribution of the cellular part of the construct can be determined, while this 
contribution in a complete valve with a scaffold that is still present, is expected to be 
small. For the same reason the magnitude of the transition strain beyond which the 
fibers bear the majority of the load can not be determined with a uniaxial tensile test. 
Furthermore, comparison of mechanical properties of a cultured valve to those of a 
bare scaffold is difficult, because fibrin gel without cells hardly keeps loose fibers 
together, resulting in an even more disorganized non-entangled fibrous mesh, even 
before any stress is exerted on the leaflet strip.  
 
The three components of extracellular matrix in an aortic valve are collagen, 
glycosaminoglycans (GAGs), and elastin. Two of these components, collagen and 
GAGs, were demonstrated to be present in the tissue engineered valves. Although the 
amounts of these extracellular components vary largely within the group of eight 
valves and hydroxyproline amounts in µg/mg construct are 4% to 17% of those 
reported in human valves [8], it is an important fact that glycosaminoglycans and 
collagen are produced by the cells on this scaffold. It is essential for the valve to 
contain active collagen producing cells, since collagen is the load bearing component 
of a tissue engineered valve, once the scaffold will be degraded and resorbed. Values 
of hydroxyproline content in similar tissue engineering studies have been reported to 
be 0.43 and 18.8 µg/mg tissue after four weeks of culture by Jockenhoevel et al. [170] 
and Mol [69], respectively, and 6.1 µg/mg tissue after six weeks of culture by 
Hoerstrup et al. [171]. The hydroxyproline content found in this study is 4.34 µg/mg 
construct. Compared to the most similar study of Mol, this value seems low. However, 
for a fast degrading scaffold the scaffold weight fraction after four weeks of culture is 
estimated to be negligible, while for the PCL knitted scaffold this fraction is roughly 
estimated to be 80%. When these weight fractions are taken into account, the roughly 
estimated number of hydroxyproline content in actual tissue without scaffold is 
fivefold higher: 22 µg/mg tissue, similar to the reported 18.8 µg/mg tissue. 
 
For tissue engineered valves ISO standards are not available yet, but when the ISO 
standards for non-active heart valve substitutes are applied, the regurgitant fraction of 
aortic valves with the dimensions used in this study, should not exceed 10% [123]. 
Since valve a, b, f, g, and h (Figure 6.3) have regurgitant fractions that are less than 
10%, this means that five out of eight valves in this study meet this criterion. 
 
  
6.5 Conclusions 

The eight valves in this study that were cultured under perfusion were tested under 
aortic flow and pressure circumstances. All valves remained intact, opened properly 
during systole, and all but one valve closed properly during diastole. Collagen and 
glycosaminoglycans were present in all tissue engineered valves and histology showed 
multifilament knitting yarns that were completely overgrown with cells. Although the 
valves that closed during diastole showed an average closing volume that was larger 
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than that of the reference valve (12% vs. 4.7%), signs of leakage were absent in these 
tissue engineered valves. Five out of the eight valves in this study had a regurgitant 
fraction smaller than that defined acceptable by ISO standards. Hence, it can be 
concluded that perfusion-based culture of tissue engineered valves based on knitted, 
fibrin covered polycaprolactone scaffolds, may lead to in vitro functional aortic valves. 



 

Chapter 7 
7 General discussion 
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7.1 Introduction 

Current aortic valve prostheses lack the ability to grow, repair, and remodel. The 
concept of tissue engineering offers a solution to this problem, yielding valves that are 
completely autologous after the scaffold they were cultured on has been biodegraded. 
Currently tissue engineered valves, based on synthetic scaffolds, have been tested in 
vivo in the pulmonary position of animals, where pressure gradients are lower than in 
the aorta [59,60,67,80,81,82]. For a tissue engineered valve that is able to withstand 
aortic conditions, a new scaffold was developed, made of a knitted polycaprolactone 
stentless valve, covered with fibrin gel. The polycaprolactone that was used in this 
study was estimated to biodegrade within 27 months and has been reported to evoke 
only a mild inflammatory response after implantation [100,101,104,108,109,110]. 
Culture of cells, encapsulated in fibrin gel, provides an efficient cell seeding procedure 
and yields homogeneous tissue with a mature extracellular matrix. Tests in a newly 
developed loading device, showed that the knitted scaffold proved durable. The knitted 
scaffold is biocompatible but showed considerable leakage when not seeded with cells. 
When the knitted scaffold was compared to an electrospun scaffold in a tissue 
engineering process, the pores in the former were fully overgrown by cells, but were 
too large to retain all the cells in the seeding stage, thus resulting in cell wastage. By 
contrast, the pores in the electrospun scaffold were too small for proper cellular 
ingrowth. To enhance cellular attachment to the knitted structure, it was treated with a 
sodium hydroxide solution. Two groups of valves, that were based on this more 
hydrophilic knitted scaffold, were cultured in a newly developed bioreactor for 
stentless aortic valves. Perfusion-based culture of human myofibroblasts on knitted, 
fibrin covered scaffolds yielded improved valves compared to poorly controlled strain-
based culture. Eight valves, based on fibrin coated, polycaprolactone knitted structures, 
were cultured under perfusion. Seven of these valves did not show leakage and five 
valves had a regurgitant fraction under 10%, which represents the ISO defined 
acceptable level of regurgitation for non-active aortic valve substitutes. 
 
 
7.2 Summary of findings 

The knitted, polycaprolactone valvular scaffold that has been developed, is a durable 
and biologically suitable scaffold with strong commissures, the areas most prone to 
tearing in a valve. 
 
Fibrin encapsulated myofibroblasts, cultured for four weeks on the developed knitted, 
polycaprolactone scaffold, produce collagen and glycosaminoglycans and lead to a 
completely cell-filled valve. 
 
The perfusion-based cultured valves, based on a knitted scaffold, were shown to open 
and close properly and to be free of leakage in vitro under aortic conditions. To our 
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knowledge, the tissue engineered aortic valves described in this thesis are the first such 
valves, based on a synthetic scaffold, to achieve this important feature. 
 
 
7.3 Two alternative approaches 

For tissue engineering of valves, based on a synthetic scaffold, roughly two approaches 
can be chosen: one in which the scaffold is rapidly degrading and opted to be mainly 
degraded at the time of implantation (e.g. PGA/P4HB) and the other in which the 
scaffold is slowly degrading and still present at the time of implantation; the concept 
that is described in this thesis. Both approaches have their advantages and limitations. 
When a knitted PCL scaffold and a non-woven PGA/P4HB scaffold are compared, two 
major differences can be seen: the rate of degradation and the mechanical properties of 
the scaffold. A knitted PCL structure offers maintained mechanical integrity 
throughout the valve but most importantly in the commissure area (Chapter 3). A non-
woven PGA scaffold hardly has any mechanical integrity [69]. Cell seeding using 
fibrin gel is most easily done on a hydrophilic scaffold, which PGA is without a caustic 
soda treatment that was needed for efficient cell seeding onto a PCL scaffold. Cells on 
a non-woven PGA scaffold need to produce extracellular matrix rapidly during in vitro 
culture in order to develop into a valve strong enough for implantation. Cells on PCL 
have more time to do so and sudden changes in mechanical properties of the construct 
are not likely to occur, resulting in a more gradual process. Faster degradation of PGA 
causes a higher concentration of degradation products that lower the pH of the cellular 
milieu, which is not favorable to cell viability [83,171]. On the other hand, with regard 
to a possible inflammatory reaction after implantation, it is more favorable to dispose 
of scaffold material before implantation. 
 
The extent of an inflammatory reaction to PCL-based valves can only be predicted, 
since none of the cultured valves have been implanted. For an investigation of the 
ultimate change in mechanical properties, the moment at which PCL scaffold remnants 
are phagocytosed by macrophages in vivo (Chapter 2), a long-term in vivo study is 
necessary, since this process will occur two years after implantation. Animal studies 
for PGA/P4HB based valves need not be this long. In vivo a PCL scaffold will more 
likely evoke an, albeit mild, inflammatory reaction than remaining fibers of a 
PGA/P4HB scaffold, because until fragmentation PCL is present in the valve in a 
nearly non-resorbed state. 
 
 
7.4 Non-active heart valve substitute demands 

Although ISO standards for tissue engineered valves are not currently available, there 
are equivalent standards for a closely related product, the cardiac valve prosthesis. 



Chapter 7 

 74

Thirteen requirements for non-active heart valve substitutes, as stated in ISO 5840 
‘Cardiovascular implants – Cardiac valve prostheses’ are stated, namely: 
 

• allows forward flow with acceptably small mean pressure difference 
• prevents retrograde flow with acceptably small regurgitation 
• resists embolization 
• resists haemolysis 
• resists thrombus formation 
• is biocompatible 
• is compatible with in vivo diagnostic techniques 
• is deliverable and implantable in the target population 
• remains fixed once placed 
• has an acceptable noise level 
• has reproducible function 
• maintains its functionality for a reasonable lifetime, consistent with its generic 

class 
• maintains its functionality and sterility for a reasonable shelf life prior to 

implantation. 
 
When a tissue engineered valve is assumed to eventually become a completely 
autologous valve that is able to adapt to changing circumstances in the host, it is the 
developmental stage of the valve after implantation to which these requirements 
mainly apply. In addition, the tissue engineered valve must not be genetically altered 
such that its long term functionality is compromised. Several recommendations can be 
made for the applicable requirements to be realized in a tissue engineered valve that is 
based on a knitted PCL scaffold. These will be described in separate sections. 
 
 
7.5 Recommendations 

7.5.1 The scaffold 
The volume fraction of polymer in the knitted scaffold in the resulting tissue 
engineered valves in this study is high, as was shown in the histological images (Figure 
6.3). Although the scaffold material has been reported to evoke a mild inflammatory 
reaction, in general it is preferable for engineered tissue to contain a minimum amount 
of biomaterial, in order to reduce this inflammatory reaction to a minimum. Indeed, the 
biocompatibility of the valve is influenced by the presence of polycaprolactone (PCL), 
but the mechanical properties are as well. When a very large fraction of the valve is 
scaffold and thus eventually biodegraded, this will result in a poorly predictable effect 
on the development of its long term mechanical properties, even though these might be 
sufficient after the in vitro culture period. When a scaffold is knitted, a smaller stitch is 
thus recommended, in conjunction with a multifilament yarn that is thin but very 
fluffy. Microscopically, this offers a non-woven-like large surface area for the cells to 
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attach to, but macroscopically it provides a woven structure with accordingly strong 
commissures. When a thin, fluffy yarn is used, cell seeding can still be very efficient 
because there are no large pores to be covered with fibrin gel and cell wastage can 
consequently be reduced to a minimum. Since it is essential that a tissue engineered 
valve does not rupture during its development and scaffold degradation period in vivo, 
the minimum diameter of the yarns still needs to be ascertained, while maintaining a 
durable scaffold. 
 
The polycaprolactone used in this study, has a molecular weight of 50,000 g/mol. If the 
degradation period of this PCL is found to be too long, a polycaprolactone with a lower 
molecular weight can be used. This will shorten the degradation period (Equation 2.1). 
The immune response to PCL has been reported to be higher directly after implantation 
and during the final degradation stage, corresponding to the fragmentation of the PCL. 
When the degradation period is titrated, caution must be taken to prevent the two 
immune response peaks from overlapping.  
 
7.5.2 Endothelialization 
Before a valve can be implanted, it is preferably covered with a monolayer of 
endothelial cells. An endothelial cell lining on a valve ensures resistance to thrombus 
formation. It has been reported that endothelial cells, when sheared, prohibit 
proliferation of the underlying cell layer [156,172,173]. For a tissue engineering 
approach this suggests that endothelial cell seeding should occur at a late stage before 
implantation. This will ensure adequate tissue formation and the presence of an 
endothelial cell layer, which will prevent uncontrolled myofibroblast proliferation in 
the implanted valve. In the study performed by Hoerstrup et al. [67] implanted 
endothelialized valves show distinct thinning over time. It is reasonable to assume that 
endothelialized tissue engineered valves, based on a knitted scaffold, would show a 
similar development after implantation and are thus expected to become thinner with 
time. Besides yielding thin and flexible leaflets that easily open, this will likely reduce 
the regurgitant fraction, since that was probably due to leaflet rigidity (Chapter 6). 
Rigidity is both a function of the Young’s modulus and the thickness of the tissue. 
 
7.5.3 Animal studies 
The knitted scaffolds developed and examined in this thesis are still present after the in 
vitro culture period of the tissue engineered aortic valves. Based on the results 
described in this thesis, it is difficult to predict the reaction of a host tissue to a 
degrading scaffold of an implanted valve. It is recommended that this issue be 
addressed by implanting the tissue engineered valves in an animal model. Two phases 
of degradation after implantation of a knit-based tissue engineered valve, are of 
particular importance. First, the phase directly after implantation, because it has been 
reported that the foreign body reaction to PCL due to the implantation procedure is less 
mild than in the months following it. Secondly, the final phase in which the polymer 
will fragment into particles that are phagocytosed by macrophages is important. This 
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stage has also been reportedly characterized by a heightened immune response. Once 
the scaffold has completely degraded, investigation will reveal whether void space left 
by PCL fibers will have been filled with tissue and whether the mechanical and 
biological properties of the whole valve are matching the requirements of the aortic 
valve. 
 
7.5.4 Elastin formation 
Of the three components of valvular extracellular matrix, collagen and 
glycosaminoglycans were found to be produced by human myofibroblasts during a 
four week in vitro culture period (Chapter 6). Elastin was not shown to be present in 
the newly formed tissue and in previous studies it has mainly been shown to be 
produced by rat cells, e.g. [174,175]. In vitro elastin production by human cells has 
been shown for dermal fibroblasts [114], while in ovine tissue engineered valves its 
presence has only been demonstrated after an extensive in vivo culture period [67]. 
Elastin provides an important mechanical property, namely its capacity to store energy 
during valve loading and return the collagen structure to its original geometry when 
unloaded [9]. When a valve is rigid and non-elastic, it is prone to micro damage and, as 
was reported for bioprostheses [176], damage sites can be foci for in vivo calcification. 
Furthermore, rigid valves might not open and close properly or cause resistance to 
forward flow. Hence, it might be necessary to alter the mechanical properties of the 
scaffold to mimic and temporarily replace the elastic behavior of natural valvular 
tissue. If an elastic scaffold is used, not only sufficient total mechanical integrity of the 
valve can be provided by the scaffold until the cells have deposited collagen fibers, but 
the elasticity is offered by the scaffold as well, until the cultured cells have produced 
enough elastin. While it apparently takes a considerable amount of time for 
myofibroblasts to produce elastin [67], an elastic scaffold must be slowly degrading. 
The material that was used in this study, polycaprolactone, has a very high Young’s 
modulus of 190-400 MPa [57,61,62]. When PCL is used as a material for an elastic 
scaffold, the design of the scaffold should be such that it offers compliance, since the 
material properties of PCL do not allow for it. This could be achieved by adjusting the 
knitting method to mimic elastic properties in both directions in the valve. Another 
option would be to choose a different scaffold material, with mechanical properties 
closer to those of the natural aortic valve. For any material that is used, mechanical 
properties of a valvular construct must be evaluated throughout the culture period and 
preferably throughout an in vivo study, since a scaffold in combination with seeded 
cells can have very different mechanical properties from the scaffold that the process 
was started with. The mechanical properties of the valve after the scaffold has 
completely degraded, which are different from both the bare scaffold and the cell-
seeded scaffold, should be investigated as well. 
 
7.5.5 Cell senescence 
At each cell division, the ends of the cell DNA, its telomeres, are shortened [177]. This 
shortening is permanent unless the DNA is lengthened again by telomerase, an enzyme 
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observed in germ cells and embryonic tissue [178], but not expressed in normal, human 
somatic cells [179]. Human fibroblast telomeres undergo progressive shortening in 
vitro [180] and with aging less extensive shortening also occurs in vivo [181]. Hence, 
telomere length can be referred to as a ‘mitotic clock’ [182] that reflects the 
proliferative history of the cell. It has been reported that the replicative capacity of 
human fibroblasts, cultured in vitro, highly correlates with initial telomere length, 
whereas the correlation of donor age and proliferative ability is relatively weak [183]. 
Such findings have important implications when considering tissue engineering 
strategies. For example, Counter et al. [184] showed that telomeres in keratinocytes of 
tissue engineered skin grafts were significantly shorter than the telomeres in both 
normal skin of the same individual and those of healthy donors older than 80 years. 
Not only is the proliferative ability lower for cells with short telomeres, the telomeres 
are also believed to signal the moment at which a cell enters senescence, an irreversible 
post-mitotic state [185]. Senescent cells are unable to divide and display a radically 
different phenotype to their growing counterparts and may compromise the 
functionality of the tissue they are part of [186]. 
 
It is recommended that the effects of the tissue engineering process on cell senescence 
and its consequences for the development and long-term functionality of such 
constructs is studied. Little is known about this effect, but it might encourage the use of 
genetically engineered telomerase expression [187] or the use of cells that naturally 
express telomerase activity, such as stem cells or progenitor cells [178], that potentially 
reverse the ‘mitotic clock’ after a cell division. 
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Samenvatting 
 
Aan het begin van de grote bloedsomloop bevindt zich de aortaklep. Wanneer deze 
klep niet meer goed functioneert kan dit leiden tot lichamelijke klachten. Een gangbare 
behandeling voor het falen van de aortaklep is vervanging ervan. Protheses die 
hiervoor gebruikt worden zijn van menselijke oorsprong, van dierlijke oorsprong of 
van kunststof. Belangrijke nadelen van de drie verschillende soorten prothesen zijn 
schaarste van de menselijke (donor-)kleppen, relatief snelle slijtage van de dierlijke 
kleppen en de intrinsieke neiging van bloed te stollen op kunststof kleppen. In theorie 
levert tissue-engineering een aortaklep die deze nadelen niet heeft en bovendien in 
potentie meegroeit met de ontvanger ervan, zichzelf kan repareren en zich kan 
aanpassen wanneer veranderende omstandigheden in het lichaam dit vergen. Volgens 
de in dit proefschrift gehanteerde vorm van tissue-engineering worden vaatcellen 
gedoneerd door de potentiële ontvanger van een nieuwe aortaklep. Deze worden 
vermenigvuldigd, gezaaid op een biologisch afbreekbare ondergrond (de scaffold) en 
gekweekt tot een nieuwe klep, die geïmplanteerd kan worden en niet gevoelig is voor 
afstoting omdat hij uiteindelijk volledig autoloog is. Echter, de in het afgelopen 
decennium getissue-engineerde aortakleppen bleken niet sterk genoeg te zijn om de 
grote drukgradiënten over de aortaklep te kunnen weerstaan.  
 
Dit onderzoek heeft als doel een scaffold te ontwikkelen die voldoende sterk is om 
daarmee een hartklep te kunnen maken die wel sterk genoeg is om als aortaklep te 
kunnen functioneren. De in dit proefschrift beschreven scaffold is gebreid van poly(ε-
caprolacton) en bedekt met fibrinegel. 
 
Poly(ε-caprolacton), (PCL), is een langzaam afbrekend, hydrofoob en door de FDA 
voor implantatie goedgekeurd polyester. Het afbraakproces van PCL is uitgebreid 
bestudeerd en verloopt in minimaal twee fases. In de eerste fase vindt homogeen 
verspreid door het gehele materiaal non-enzymatische hydrolyse plaats. In de laatste 
fase fragmenteert het PCL, waarna de fragmenten door middel van fagocytose worden 
opgeruimd door macrofagen. De uiteindelijke metaboliet van PCL wordt afgevoerd uit 
het lichaam. De immuunreactie die PCL oproept is uit in vivo studies in dieren mild 
gebleken. De berekende periode van afbraak voor het in dit proefschrift gebruikte PCL 
is 27 maanden. Cellen suspenderen in een trombine-oplossing en zaaien op een drager 
van gelerende fibrine blijkt een efficiënte zaaimethode te zijn. Bij deze methode is 
slechts één stap benodigd en de proliferatie en extracellulaire matrixproductie van de 
ingesloten cellen wordt niet geremd door de aanwezigheid van fibrine om de cellen 
heen. Bovendien dicht fibrinegel de relatief grote poriën in het breiwerk en verschaft 
de aanwezigheid van fibrinegel de cellen de mogelijkheid de poriën te overgroeien. 
 
De in dit proefschrift beschreven aortaklepscaffold is gebreid uit een multifilament 
draad van poly(ε-caprolacton). Deze scaffold bleek na tien miljoen belastingscycli niet 
beschadigd te zijn. De gebreide scaffold werd bedekt met fibrinegel. Zowel het 
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breiwerk als de fibrine bleken biocompatibel te zijn met de humane myofibroblasten 
die er uiteindelijk op en in gekweekt worden. De met fibrine bedekte, maar nog niet 
met cellen bezaaide scaffold is in fysiologische druk- en stromingsomstandigheden 
geplaatst en bleek goed te openen en te sluiten, maar wel zeer veel lekkage te vertonen.  
 
Via tissue-engineering werd de gebreide aortaklepscaffold vergeleken met een, 
eveneens van PCL gemaakte, electrogesponnen scaffold. Bij tests van beide scaffolds 
onder fysiologische omstandigheden bleek dat de gebreide scaffold sterker was dan de 
gesponnen scaffold, die scheurde binnen zes uur. Celkweek op beide scaffolds toonde 
aan dat de poriën van de gesponnen scaffold te klein waren en die van de gebreide 
scaffold te groot. Hierdoor was cel-ingroei in de gesponnen scaffold slecht en lekte er 
bij het zaaien van de gebreide scaffold celsuspensie door de klep. Om zaailekkage te 
verminderen is de beschreven gebreide klep gebreid uit een meer verwarde draad en 
hydrofiel gemaakt via een behandeling met een natriumhydroxide-oplossing. 
 
Vervolgens werd een bioreactor ontwikkeld, waarin het mechanisch stimuleren van een 
zich ontwikkelende, met cellen bezaaide, gebreide klep mogelijk is. Twee groepen 
kleppen zijn gekweekt in deze bioreactor. De eerste groep is dynamisch gerekt in 
gesloten positie tijdens kweek, terwijl de tweede groep alleen geperfundeerd werd met 
medium. Tijdens het rekken zijn visuele opnames gemaakt van de klepbladen en is het 
drukverschil over de klep gemeten. De bioreactoren functioneerden goed, maar de 
geperfundeerde kleppen bleken een betere weefselontwikkeling te hebben en minder 
lekkage te vertonen onder fysiologische omstandigheden dan de tijdens kweek gerekte 
kleppen. De opgelegde rekken, die berekend waren uit de visuele opnames, bleken erg 
groot en moeilijk reguleerbaar te zijn, terwijl het drukverschil over de klep klein was. 
 
Tenslotte werden acht gebreide kleppen bezaaid met in fibrine ingesloten humane 
myofibroblasten en gekweekt onder mediumperfusie in de bioreactoren. De klepbladen 
waren volledig dichtgegroeid na vier weken in vitro kweek. De gekweekte kleppen zijn 
getest onder aortadruk en –stroming en bleken hierbij alle acht intact te blijven. Zeven 
van de acht kleppen openden en sloten goed en toonden geen lekkage door de gesloten 
klep, maar het gemiddelde sluitvolume van deze zeven kleppen was groter dan het 
sluitvolume van de referentieklep, een varkensklepprothese die geschikt is voor 
menselijk gebruik. Vijf van de acht kleppen bleken een sluitvolume te hebben van 
minder dan 10%, hetgeen acceptabel is volgens ISO normering van niet-actieve 
hartklepprothesen.  
 
Het blijkt dus mogelijk te zijn in vitro functionele aortakleppen te maken door middel 
van tissue-engineering gebaseerd op een gebreide klep. Deze kleppen zijn sterk genoeg 
voor stromings- en drukomstandigheden in de aorta. Hoe deze kleppen zich zullen 
gedragen in vivo en hoe het weefsel van deze aortakleppen zal zijn nadat de scaffold is 
afgebroken, blijven vraagstukken die nader onderzocht dienen te worden. 
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