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Summary

Cardiovascular pathologies such as valvular and arterial diseases, are one of the lead-
ing causes of death in the Western world. In many cases, available therapies can
only partially alleviate or slow down these diseases, ultimately leading to the neces-
sity to replace the tissue in question. Widely used replacement therapies involve the
implantation of either mechanical or biological prostheses. Although both types of
prostheses are life-saving, they do suffer from a number of drawbacks. Mechanical
prostheses have shown structural durability, but require a lifelong treatment with
anticoagulants. On the other hand, biological substitutes do not require anticoag-
ulation therapy, but their limited durability often requires reoperation within 10-20
years. In addition to these drawbacks, both types of prostheses lack the capability to
grow, repair and remodel in response to changes in their environment.

Tissue engineering can potentially overcome the drawbacks of the current cardio-
vascular tissue replacements, especially their lack of adaptation potential. Tissue-
engineered prostheses are created by embedding cells inside a biodegradable scaffold
(either in vitro or in vivo), which produce natural extracellular matrix components.
The success of such living tissue-engineered constructs mainly relies on the short and
long-term complex interplay between the cell-seeded scaffold, hemodynamic loading
and cell-synthesized extracellular matrix. For instance, on the short term, cellular-
actin stress fiber remodeling leads to the development of traction forces, which can
directly and indirectly influence the mechanical properties of the prostheses, lead-
ing to altered in vivo functioning. In addition, the amount, organization and type
of tissue components being synthesized by the cells greatly influences the long-term
geometrical and mechanical properties of the constructs. To date however, our under-
standing of these adaptation mechanisms in engineered tissues remains incomplete.
In native tissues, it is widely hypothesized that physiological growth and remodeling
occurs in order to maintain a certain homeostatic mechanical state, in this way pre-
serving tissue function regardless of changes in the external mechanical environment.
This mechanically-driven tissue adaptation is also known to occur in tissue-engineered
prostheses, but not always with the desired results. For instance, the retraction of
leaflets in tissue-engineered heart valves, or aneurysm formation in vascular grafts are
examples of adverse growth and remodeling in tissue-engineered prostheses. In order
to overcome such problems, a better understanding of the underlying mechanisms of



tissue adaptation is imperative. In this thesis, it is sought to elucidate how mechani-
cal cues influence these adaptation processes in engineered cardiovascular tissues.

The first chapter gives an elaborate overview of the literature on this topic. Both
the contributions of intrinsically generated traction forces, and externally applied
mechanical cues to tissue adaptation are discussed, with a particular attention to
(tissue-engineered) heart valves. The second chapter addresses the effect of mechani-
cal stimuli on cell traction-induced prestretch development in 3D microtissues at the
relatively short-term. It was demonstrated that dynamic loading increases intrin-
sically generated prestretch, solely by elevated actin stress fiber-mediated traction
forces. Next, it was investigated to what extend cell traction forces can be held
accountable for in vivo prestretches present in the mitral valve, this time using a
computational approach (chapter 3). Model predictions of mitral valve retraction
after excision were in very good agreement with experimental data from literature.
Since this retraction in the model was exclusively caused by the cellular traction
forces, this study demonstrates that the presence of contractile cells forms a poten-
tial explanation for mitral valve in vivo prestretch. To study the long-term effect of
mechanical stimuli on tissue adaptation, an in vitro setup was developed to culture
tissue-engineered constructs under dynamic loading conditions (chapter 4). During
development of cell-seeded scaffold constructs, geometrical and mechanical changes
were tracked using a combination of non-destructive ultrasound imaging, and inverse
finite element analysis. The development of this bioreactor allowed us to study how
various loading regimes affect tissue adaptation of in vitro tissue-engineered con-
structs. Using this bioreactor, the effect of initial scaffold thickness on reaching a
geometrically, and mechanically stable state was investigated in chapter 5 by cultur-
ing tissues with two different starting thicknesses. Interestingly, it was found that a
mechanically steady state was reached for both sample thicknesses, although at differ-
ent magnitudes of the investigated mechanical quantities (strain, stress, strain energy
density, and stiffness). In contrast, a stable geometrical situation was only reached in
initially thicker samples, indicating that obtaining a geometrically and mechanically
stable state in tissue-engineered constructs is highly dependent on initial scaffold de-
sign. Finally, elliptically shaped constructs were developed, in order to study the
effect of anisotropy of loading on tissue adaptation (chapter 6). Both elliptical and
circular tissue-engineered constructs were cultured dynamically for 14 days, where
solely the anisotropically deformed constructs reached a mechanical homeostasis. In
contrast, the circular constructs exclusively reached a geometrically steady state. Ad-
ditionally, the tissue structure of elliptical constructs became primarily anisotropic
while isotropically deformed constructs remained structurally isotropic.

This PhD thesis presents numerical and experimental approaches which improve our
understanding of mechanically-driven tissue adaptation in engineered cardiovascular
tissues. It is demonstrated how short and long-term growth and remodeling are
influenced by mechanical stimuli through cell traction-induced prestretch, and matrix
synthesis and organization. These findings may prove vital in the design and clinical
application of current and future cardiovascular tissue-engineering therapies.

viii



Chapter 1
Introduction

This chapter is partially based on:
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engineered heart valves as Bookchapter in M.S. Sacks and J. Liao (Eds.), Advances in heart valve
biomechanics: the role of mechanics in valvular physiology, mechanobiology, and the bioengineering of
repair and replacement. ISBN 3030019918 2018



Chapter 1

1.1 Clinical background

It is predicted that in 2030, cardiovascular diseases will have an annual mortality rate
of 23.3 million people worldwide (Mathers and Loncar, 2006). More often than not,
such pathologies arise due to improper functioning of various cardiovascular tissues.
For instance, heart valves can become stenotic or insufficient due to congenital factors,
diseases, or aging, leading to progressive heart failure. Like valves, arteries can also
become stenotic, impairing proper blood flow. In addition, these blood vessels can
increase in size e.g. causing an abdominal aortic aneurysm. These so-called AAA’s
can suddenly rupture, often resulting in the death of the patient. If conventional
treatments fail, end-stage diseased cardiovascular tissues need to be replaced. This
means that for instance, an estimated 300.000 heart valve replacements (Yacoub and
Takkenberg, 2005) and 800.000 coronary artery replacements (Go et al, 2013) are
carried out every year worldwide.

Due to the limited availability of allografts and homografts, often mechanical or
biological prostheses are used to replace the diseased tissues. Although both types
of prostheses are life-saving, they exhibit a number of drawbacks. Mechanical heart
valves for instance, have shown good structural durability, but they are prone to
thromboembolic events, making life-long treatment with anticoagulants inevitable
(Zilla et al, 2008). On the other hand, while bioprosthetic prostheses do not require
anticoagulation therapy, they suffer from structural degeneration and the associated
requirement for reoperation in valves (Hammermeister et al, 2000; Oxenham et al,
2003) and arteries (Suma, 1999; Kannan et al, 2005). Besides these type-specific
drawbacks, both synthetic and biological prosthesis lack the ability to grow, repair
and remodel in response to changes in their environment, which especially imposes
problems for younger recipients of these prosthesis. A promising alternative for the
currently available prostheses, can be found in the emerging field of tissue engineering.
Tissue-engineered (TE) protheses are created by embedding cells inside a biodegrad-
able carrier, called a scaffold. These living cells will synthesize new tissue, while the
scaffold degrades over time. Finally, a fully living prostheses is obtained, which is
indistinguishable form native tissue, that possesses the intrinsic potential to grow, re-
pair and remodel. In order to create either TE heart valves (TEHVs) or TE vascular
grafts (TEVGs), one can roughly distinguish between two different approaches: the
in vitro, and in situ tissue engineering approach.

In vitro tissue engineering
The in vitro tissue engineering approach is based on the classical tissue engineering
paradigm, in which extracellular matrix (ECM) producing cells are seeded onto a
preshaped, biodegradable scaffold. This cell-scaffold construct is then cultured in
vitro in a bioreactor, where various stimuli are provided to the cells to trigger them
to synthesize and remodel their ECM. After a period of, typically, weeks of in vitro
culture, the TE construct is ready to be implanted in vivo. Already in 1986, the first
TEVG was created via this approach by Weinberg and Bell (1986), who co-cultured
endothelial cells, fibroblasts, and smooth muscle cells in a collagenous matrix that
was subsequently shaped into a tube.
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1.1. Clinical background

A particularly important aspect in this approach is the choice of scaffold material
and associated properties. Decellularized xenografts or homografts are an obvious
choice (Curtil et al, 1997; Schenke-Layland, 2003; Knight et al, 2005; Amensag and
McFetridge, 2012; Tosun and McFetridge, 2013), as these grafts are geometrically
and structurally very similar to native tissues. However, these techniques have some
serious disadvantages: the use of xenografts has a zoonoses associated risk, while the
use of homografts suffers from a limited availability of donor material. Moreover,
both decellularized grafts have limited recellularization potential (Weber et al, 2013;
VeDepo et al, 2017), which is paramount in order to induce physiological growth and
remodeling in the TE constructs. An alternative type of scaffold for in vitro tissue
engineering, is a biocompatible synthetic material, which offers a broad range of tun-
able properties. In 1995, Shinoka et al (1995) were the first to show the potential of
this approach for the cardiovascular field, by replacing a single valve leaflet with an in
vitro TE, cell-seeded polyglycolic acid scaffold. Since then, several groups performed
replacements in animal models, with different cell-types and scaffold materials, using
TEHVs (Hoerstrup et al, 2000; Sutherland, 2005; Mol et al, 2005a; Schmidt, 2006)
and TEVGs (McMahon et al, 2011; Thomas and Nair, 2013), proving the potential
of this approach. Unfortunately, this in vitro method does require several weeks
of culture, making this technique quite costly and logistically complex, as it does
not offer off-the-shelf availability. In addition, with this technique a living biological
prothesis would be implanted into the body, complicating the regulatory processes
tremendously. In conclusion, although the in vitro TE approach has shown promising
results, the above-mentioned drawbacks make this procedure clinically less attractive.

In situ tissue engineering
An alternative to the in vitro approach is the in situ tissue engineering approach.
This technique does not rely on the classical TE paradigm, but merely uses the hu-
man body’s own regenerative potential to create a living, functional, cardiovascular
tissue. A non-living scaffold is implanted into the body, after which it attracts living,
autologous cells from the surrounding tissue or bloodstream. These cells repopulate
the scaffold and start producing de novo ECM while the implanted scaffold degrades,
in the end leaving a fully autologous, living cardiovascular substitute. Even more
so than with the in vitro approach, key to this technique is the initial scaffold de-
sign, as after implantation nothing can be done to guide or steer the development of
the construct. This scaffold should be able to allow cellular infiltration and reten-
tion in vivo, while also inducing subsequent tissue formation. Again, decellularized
xenografts or homografts could be used as a scaffold (Goldstein et al, 2000; Leyh et al,
2003; Dohmen et al, 2006; Tillman et al, 2009; Jordan et al, 2012; Zhao et al, 2013a),
but these still suffer from the above-mentioned drawbacks. Decellularized in vitro TE
constructs (Dijkman et al, 2012; Weber et al, 2013) can overcome this drawback, but
nevertheless these valves still fail to address the issues associated with in vitro culture.
The use of synthetic materials is more appealing, as the scaffold properties are well
defined and offer off-the-shelf availability, making them ideal candidate prostheses for
in situ TE. In addition, synthetic materials offer large control over scaffold properties,
e.g. mechanical properties, (an)isotropy and degradation rate. A good example of
such a synthetic prosthesis is a microporous electrospun scaffold, manufactured by
spinning a charged polymer solution as single fibers in any desired form and shape.

3



Chapter 1

These porous grafts offer excellent cellular infiltration properties, which is ideal for
in situ TE purposes. Such protheses have already been used in preclinical studies in
both TEVGs (Roh et al, 2010; Talacua et al, 2015) and TEHVs (Kluin et al, 2017).

Limitations and challenges
Both the classical in vitro and in situ approach have shown promising results. How-
ever, there are still several challenges that need to be overcome. First, implanted
TE constructs showed impaired geometrical stability, leading to, for instance, leaflet
retraction in TEHVs (Flanagan et al, 2007; Driessen-Mol et al, 2014) and aneurysm
formation in TEVGs (McAllister et al, 2009; Khosravi et al, 2016), which subse-
quently cause valvular insufficiency or graft failure, respectively. A possible cause for
these geometrical instabilities lies in the fact that it proves difficult to replicate the
structure of their native counterparts in TE valves (Werfel et al, 2013) and vascular
grafts (Muylaert et al, 2016; Wissing et al, 2017). Second, current pre-clinical studies
mainly focus on the short time development of TE constructs in vivo. However, since
the tissue-engineering approach is the most appealing alternative to current treat-
ments for younger patients, long-term studies on the feasibility and development of
these prothesis are essential.

We hypothesize that most of the challenges that need to be resolved mainly arise
due to a mismatch between the final structural properties of the TE cardiovascular
substitutes and their native counterparts. Clearly, the starting configuration of TE
constructs are different compared to the native situation. In order to obtain this
native situation in TEHVs and TEVGs, inducing physiological tissue adaptation is of
vital importance. It is widely recognized that tissue adaptation is highly affected by
mechanical cues (Sacks et al, 2009; Mol et al, 2009; Humphrey et al, 2014a), however,
the underlying mechanisms are largely unknown. A first step towards improving me-
chanical and geometrical properties of TE constructs, is understanding the underlying
mechanisms of tissue adaptation.

1.2 Biomechanical properties of native and tissue engineered
heart valves

The ultimate goal of tissue engineering is to create living cardiovascular substitutes
with the same hemodynamics and biological functionality as their native counter-
parts. This functionality is to a large extent determined by the tissue’s structure,
and consequent biomechanical properties. Identifying the differences in structure and
biomechanical properties of native tissue and their TE counterparts is thus crucial to
improve current TE strategies. In this section, as a typical example for cardiovascular
tissues, the differences between native and TE aortic heart valves will be discussed.

Native heart valve structure, function and biomechanics
The aortic valve is composed of three thin and half-moon shaped leaflets attached
in a crown-shape fashion to the aortic root (Anderson, 2007). The points of the at-
tachment that two leaflets have in common are called commissures. When the valve
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1.2. Biomechanical properties of native and tissue engineered heart valves

is closed, the edges of the leaflets not attached to the aortic root (free edges) form
a small overlap of tissue (coaptation area) that provides a safety margin for valve
closure (Thubrikar, 1990). Finally, the leaflets have a body of tissue between the
attachment and the free edges (belly), which bears the largest part of the pressure
exerted on the leaflet (Sutton et al, 1995).

The primary function of heart valves, which is to impede back flow of blood, is
achieved due to highly optimized biomechanical properties. Throughout the cardiac
cycle, heart valves are subjected to a wide range of mechanical stimuli (Balachan-
dran et al, 2011), in particular, shear stress during systole, bending strain in between
systole and diastole, and pressure during diastole. In the context of functional me-
chanics, we focus our attention on the biomechanical responses to blood pressure.
Native leaflets are anisotropic and highly nonlinear, as they are stiffer in the circum-
ferential direction than the radial one (Mavrilas and Missirlis, 1991; Billiar and Sacks,
2000) (Figure 1.1). Due to this biomechanical behavior, at the end of the systolic
phase, the leaflets can enlarge mainly radially to close the valve, restrict circumfer-
ential strain, and then rapidly stop their deformation ensuring a proper valve closure
(Sacks and Yoganathan, 2007). Hence, there is a clear correlation between biome-
chanical properties and functionality.

The biomechanical behavior of aortic leaflets is established via their components,
which are mainly valvular interstitial cells, collagen, elastin, glycosaminoglycans
(GAGs), and proteoglycans (PGs) (Schoen, 2008). The aortic leaflets have three
layers, specifically the fibrosa, the spongiosa, and the ventricularis, containing dif-
ferent proteins. The fibrosa is mainly composed of bundles of circumferentially ori-
ented collagen fibers (Ho, 2009); the ventricularis consists of a considerable amount
of elastin disposed in a dense, radially oriented sheet (Scott and Vesely, 1996); and
the spongiosa comprises predominantly GAGs, PGs, and some collagen and elastin
connecting the other two layers (Hasan et al, 2014; Thubrikar, 1990; Buchanan and
Sacks, 2014). The biomechanical behavior of the leaflets is mostly determined by
the collagen present in the fibrosa. Collagen fibers are known to be crimped in the
absence of hemodynamic loading, and to withstand only tensile stress exerted along
their direction. Due to their initially wavy configuration, they exert low resistance
against low levels of strain while, at higher levels, they get fully extended and prevent
further strain, leading to the tissue’s nonlinear mechanical behavior. Similarly, the
tissue anisotropy is caused by the circumferential alignment of the collagen fibers,
which gives the tissue a higher stiffness in that direction.

TEHV structure, function and biomechanics
Current HVTE strategies focus on replicating the structure, function and biomechan-
ical properties of native heart valves. As the collagen is a strong determinant of the
biomechanical behavior of the leaflets and is the main load bearing structure present
in cardiovascular tissues, many studies have focused on creating TEHVs with a dense
and organized collagen network (Mol et al, 2005a; Engelmayr et al, 2005, 2006a,b; Nei-
dert and Tranquillo, 2006; Ramaswamy et al, 2010; Cox et al, 2010; Boerboom et al,
2008; Ramaswamy et al, 2014). Mechanical tests performed on TEHVs have demon-
strated that, before implantation, these constructs generally exhibit a biomechanical
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behavior which is similar to the native aortic counterpart, although the degrees of
nonlinearity and anisotropy are less pronounced (Hoerstrup et al, 2000; Sodian et al,
2000; Mol et al, 2006; Balguid et al, 2007; Neidert and Tranquillo, 2006; Schmidt
et al, 2010; Syedain et al, 2011; Dijkman et al, 2012)(Figure 1.1). Most likely, these
differences in mechanical properties are caused by insufficient collagen cross-linking
Balguid et al (2007) and collagen alignment Cox et al (2010) in TEHVs, charac-
teristics that may, however, improve after implantation due to in vivo adaptation.
In previous studies, TEHVs have been implanted into animal models, where they
have shown good functionality in the short term. However, medium- and long-term
follow-up results showed that many valves were prone to progressive leaflet thicken-
ing and/or retraction, and consequently valvular insufficiency (Flanagan et al, 2009;
Gottlieb et al, 2010; Syedain et al, 2011; Driessen-Mol et al, 2014). Concluding, the
initial configuration of previous strategies did not induce physiological tissue adap-
tation in most cases. These experimental results highlight the necessity to increase
our understanding of the underlying adaptation processes, to define a rational valve
design (in terms of geometry, structure and mechanical properties) that will induce
physiological adaptation an maintain tissue functionality in vivo.

Figure 1.1: Biaxial loading of a human heart valve (top). Representation of the
mechanical response of native (left bottom) and TE (right bottom) heat valves to
biaxial loading (as induced by the transvalvular pressure).
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1.3. Tissue adaptation

1.3 Tissue adaptation

All cardiovascular tissues (both native and TE) have the ability to adapt to changes
in their hemodynamic environment. This adaptation process is governed by the hy-
pothesis first put forward by the German physician Julius Wolff, who stated that
if the loading on a particular tissue increases, the tissue will adapt itself to resist
that particular loading (Wolff’s Law (Wolff, 1892)). Cells embedded in cardiovascu-
lar tissues are the key affecters of this adaptation process; they are able to synthesize
new matrix components (growth) or change and reorganize the existing matrix (re-
modeling). Additionally, cells are able to apply traction forces to their surroundings,
which effectively also influences the tissue’s mechanical behavior. In this section, such
mechanisms of cell-mediated tissue adaptation will be discussed more in-depth.

Cell-mediated prestretch
Many cardiovascular tissues exhibit significant levels of prestretch, directly and in-
directly influencing the tissue’s biomechanical properties and subsequent in vivo be-
havior. The presence of prestretch can easily be observed when isolating these tissues
from their native environment. Already in 1975, Dobrin et al excised carotid arteries
from dogs, and observed significant amounts of longitudinal retraction due to relieved
prestretch. Additionally, even after prestretch was already alleviated after excision,
Chuong and Fung (1986) quantified additional residual stretch in arteries. This was
done the classical opening angle approach, in which an excised artery is cut open in
the radial direction to quantify the residual circumferential stretches.

It is generally accepted that prestretch can greatly influence mechanical properties.
In fact, the concept of prestretch has been widely used in engineering structures to
add strength to, for instance, buildings and bridges (Timoshenko, 1953). However, in
biological tissues the presence of prestretch is often not considered or simply ignored
(Rausch and Kuhl, 2013). Possibly, this is caused by the fact that tissue prestretch
develops due to complex growth and remodeling phenomena which are only partially
understood.

One particularly interesting mechanism for the development of prestretch is the ability
of cells embedded in cardiovascular tissues to apply traction forces to their surround-
ings. These forces are generated by cellular actin stress fibers, which are filaments
of F-actin cross-linked by α-actinin and bundled by myosin II. Cellular forces play a
pivotal role in, among others, migration, differentiation and (re)orientation of cells
(Pellegrin et al, 2007; Ghibaudo et al, 2008). The remodeling of stress fibers is
highly dependent on mechanical perturbations. For instance, Foolen et al (2012) and
Ghibaudo et al (2008) showed that stress fibers align in the stiffest or constrained
direction. Additionally, the phenomenon ’strain avoidance’ is caused by stress fibers
orienting perpendicularly to applied levels of strain (Faust et al, 2011; Foolen et al,
2012; Tondon et al, 2012). Moreover, the stress fibers are known to compact fibers
in the ECM in a so called ’hand-over-hand’ fashion (Meshel et al, 2005). If a tissue
is constrained in its in vivo environment, it will in this way develop an intrinsically
generated prestretched state. The magnitude of prestretch may be significant in car-
diovascular tissues. For instance, Amini et al (2012) showed that in excised ovine
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mitral valves, the prestretch induced valvular contraction was 18% and 31% in the
circumferential and radial direction respectively. Also in in vitro TE heart valves,
immediate retraction is observed upon release of the leaflets (Mol et al, 2005a).

The presence of prestretch has profound implications for the tissue itself. First,
Rausch et al. (Rausch and Kuhl (2013); Rausch et al (2013)) showed that, depending
on the degree of prestretch, the in vivo apparent stiffness can vary up to four orders
of magnitude. Furthermore, prestretch indirectly affects collagen remodeling. For
example, Grenier et al (2005) and Mol et al (2005a) showed that prestretched tis-
sues exhibit enhanced tissue formation and organization compared to unconstrained
tissues. One possible explanation for this observation is that the prestretched colla-
gen fibers in the constrained samples were less susceptible to enzymatic degradation
(Huang and Yannas, 1977).

Several experimental studies have been conducted to better understand the develop-
ment of cell traction-generated prestretch and its implications on tissue mechanical
behavior. In TE strips, van Vlimmeren et al (2011) quantified the prestretch induced
contractions to be significant (approximately 36%). In a later study they accounted
roughly 40% of this retraction to active cell-generated force (Van Vlimmeren et al,
2012). Finally, Delvoye et al (1991) showed that in initially stress-free, constrained
collagen gels, seeded fibroblasts will compact the ECM until the tensile stress will
reach a steady state. After subsequent perturbations in the gel, the cells will again
strive to restore the same mechanical steady state. This phenomenon is called ten-
sional homeostasis (Mouw et al, 2014), which is believed to by highly dependent on
the mechanical surroundings of the cells.

In an attempt to elucidate this steady state in cell traction force, also several compu-
tational studies have been conducted. These models employed for instance stress and
strain homeostasis hypotheses (Deshpande et al, 2006, 2007; Vernerey and Farsad,
2011; Obbink-Huizer et al, 2014) or relied on a thermodynamic equilibrium (Foucard
and Vernerey, 2012; Vigliotti et al, 2016) to predict stress fiber remodeling in response
to topological and mechanical cues. Loerakker et al (2014) coupled cell-mediated re-
modeling laws by Obbink-Huizer et al (2014) to an algorithm for tissue remodeling,
and showed that cellular contractility is a very important affector of remodeling in
TE heart valves at the pulmonary position (Loerakker et al, 2016).

However, there are still areas which need to be elucidated. It is for instance unknown
what the effect of dynamic loading is on the cell traction-generated prestretch, which
is especially important for cyclically loaded (TE) cardiovascular tissues. Second, a
lot of studies have quantified cell-generated prestretch in vitro Legant et al (2009);
van Vlimmeren et al (2011); Van Vlimmeren et al (2012). However, little is known
about whether cell traction forces can also explain significant levels of prestretch in
vivo.

Tissue growth and remodeling
In addition to applying traction forces to their surroundings, cells influence tissue
structure and organization by altering the existing matrix (remodeling), or synthesiz-
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ing new ECM components (growth). Growth and remodeling of these matrix compo-
nents is highly influenced by mechanical stimuli. For instance, in vitro experiments
have demonstrated that fibroblasts embedded in cyclically strained tissues, increase
their mRNA expression of procollagen (Butt and Bishop, 1998; Breen, 2000; Yang
et al, 2004), which ultimately leads to the formation of new collagen fibers. As a
result, cells seeded in cyclically stretched scaffolds increase their collagen synthesis
and cross-linking. (Boerboom et al, 2008; Rubbens et al, 2009). Additionally, Boer-
boom et al (2007) also showed that long-term exposure to dynamic loading increases
cross-linking of existing collagen fibers in TE constructs.

Besides adapting the existing collagenous matrix by cross-linking and synthesizing
new ECM components, cell-produced enzymes also have the capability to break down
the current matrix proteins. These so-called matrix metalloproteinases (MMPs), and
their counterparts, the tissue inhibitors of matrix metalloproteinases (TIMPS), are
mediators of collagen degradation (Wojtowicz-Praga et al, 1997; Visse, 2003). Fi-
broblasts increase their expression of these MMPs and TIMPs in response to cyclic
strain (Yang et al, 2005; Shelton and Rada, 2007). In addition to cellular expression,
strain also affects enzymatic collagen degradation. In particular, if collagen fibers get
strained, they undergo a molecular change for which it has been hypothesized that it
makes them less susceptible to MMP-mediated degradation and (Huang and Yannas,
1977; Ruberti and Hallab, 2005; Bhole et al, 2009; Wyatt et al, 2009). In summary, it
is apparent that mechanical stimuli influence cellular behavior which ultimately has
significant consequences for ECM turnover and the resulting tissue architecture.

All of the previously mentioned mechanisms contribute to preserving structure and
organization on a tissue level, in response to changes in the (mechanical) surroundings.
In a way, cells embedded in the tissues continuously read mechanical cues in their
vicinity and respond to this by interacting with their environment through growth
and remodeling. In 2014, Humphrey et al (2014a) put forward a theory that all of
these mechanisms contribute to maintain a certain mechanical homeostasis. This
means that if a cell would sense local changes in ECM properties, negative feedback
mechanisms would induce adaptation processes to restore the mechanical properties.
Through this principle, healthy tissues would be able to maintain their mechanical
properties, and thus function, regardless of changes in their mechanical environment.
In contrast, several pathologies appear to develop as a result of a switch to positive
feedback mechanisms. This non-physiological remodeling leads for instance to acute
and continued stiffening of the tissue, called fibrosis (Cook et al, 2014; Humphrey
et al, 2014b).

Several mechanical quantities have been put forward which could dictate this phys-
iological homeostatic response, including stretch (Chaput et al, 2008; Oomen et al,
2016), stress (Taber and Humphrey, 2001; Humphrey et al, 2009; Valentin et al,
2009), strain energy density (Cyron and Humphrey, 2014; Vigliotti et al, 2016), and
stiffness (Bellini et al, 2017; Ferruzzi et al, 2016). However, to date no consensus has
yet been reached. Identifying the driving mechanical stimulus of tissue growth and
remodeling could greatly aid in understanding the success or failure of current TE
therapies. Additionally, pinpointing this stimulus would greatly aid in developing
computational models predicting long-term tissue adaptation. These models could
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prove crucial in gaining insight into the long-term functionality of life-lasting cardio-
vascular TE therapies, hence aiding in their rational design and accelerating clinical
translation.

1.4 Objectives and outline

It has become clear that cardiovascular tissues to a great extent rely on mechanically-
driven tissue adaptation to accommodate for their ever-changing (mechanical) envi-
ronment. When replacing diseased cardiovascular tissues with living engineered sub-
stitutes, it is imperative to replicate the native adaptation process as best as possible,
to ensure their long-term functionality. Towards this end, in this thesis numerical
and experimental methods are presented to investigate mechanically-driven tissue
adaptation in engineered cardiovascular tissues. First, in chapters 2 and 3, one par-
ticularly interesting tissue adaptation mechanism on the relatively short timescale
is studied: cell traction-generated prestress and prestretch. In contrast, chapters 4
to 6 focus more on long-term mechanically driven tissue adaptation process as a whole.

In chapter 2, the effect of dynamical mechanical stimuli on cell traction-induced pre-
stress development was addressed. This was done by means of an in vitro approach,
in which 3D microtissues were dynamically cultured for 24 hours. Next, in chapter 3,
it was investigated to what extent cell traction forces can explain in vivo prestretch
present in the mitral valve, this time using a computational approach.
To elucidate the long-term effect of mechanical stimuli on tissue growth and remodel-
ing, a novel bioreactor was developed to culture TE constructs under dynamic loading
conditions (chapter 4). This bioreactor called the ”Versatile Tissue Growth & Remod-
eling” (Vertigro), houses a cell-seeded circular electrospun scaffold, which is cultured
under a dynamic pressure-driven loading regime. During in vitro dynamic culture
of these TE samples, geometrical and mechanical changes due to tissue adaptation
can be tracked using non-destructive ultrasound imaging. In chapter 5, using this
bioreactor, the effect of initial scaffold thickness on reaching a geometrically, and me-
chanically stable state was investigated by culturing tissues with two different initial
thicknesses. In chapter 6, the effect of the anisotropy of loading on tissue adaptation,
and the potential establishment of a stable geometrical and/or mechanical state was
investigated. Towards this end, elliptically shaped tissues were dynamically cultured
in the bioreactor, to facilitate anisotropic loading.

Finally, chapter 7 concludes this thesis with a general discussion, in which the previ-
ous findings are discussed in a broader perspective. This chapter includes limitations,
challenges and future perspectives of mechanically-driven tissue adaptation, followed
by some concluding remarks.
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Chapter 2
Increased cell traction-induced prestress in

dynamically cultured microtissues

Prestress is a phenomenon present in many cardiovascular tissues and has profound
implications on their in vivo functionality. For instance, the in vivo mechanical
properties are altered by the presence of prestress, and prestress also influences tis-
sue growth and remodeling processes. The development of tissue prestress typically
originates from complex growth and remodeling phenomena which yet remain to be
elucidated. One particularly interesting mechanism in which prestress develops is by
active traction forces generated by cells embedded in the tissue by means of their actin
stress fibers. In order to understand how these traction forces influence tissue pre-
stress, many have used microfabricated, high-throughput, micrometer scale setups to
culture microtissues which actively generate prestress to specially designed cantilevers.
By measuring the displacement of these cantilevers, the prestress response to all kinds
of perturbations can be monitored. In the present study such, a microfabricated tis-
sue gauge platform was combined with the commercially available Flexcell system to
facilitate dynamic cyclic stretching of microtissues. First, the setup was validated to
quantify the dynamic microtissue stretch applied during the experiments. Next, the
microtissues were subjected to a dynamic loading regime for 24 hours. After this in-
terval, the prestress increased to levels over twice as high compared to static controls.
The prestress in these tissues is completely abated when a ROCK-inhibitor was added,
showing that the development of this prestress can be completely attributed to the
cell-generated traction forces. Finally, after switching the microtissues back to static
loading conditions, or when removing the ROCK-inhibitor, prestress magnitudes were
restored to original values. These findings show that intrinsic cell-generated prestress
is a highly controlled parameter, where the actin stress fibers serve as a mechanostat
to regulate this prestress. Since almost all cardiovascular tissues are exposed to a dy-
namic loading regime, these findings have important implications for the mechanical
testing of these tissues, or when designing cardiovascular tissue engineering therapies.

This chapter is based on:
MAJ van Kelle, N Khalil, J Foolen, S Loerakker, CVC Bouten. Increased cell traction-induced prestress
in dynamically cultured microtissues. Front Bioeng Biotechnol. (Submitted)



Chapter 2

2.1 Introduction

Cardiovascular tissues display significant levels of prestress. This prestress is an in-
trinsic stress which is relieved when the particular tissues are isolated from their in
vivo environment. The presence of prestress has profound implications for the in vivo
functioning of cardiovascular tissues. First, prestress directly influences the apparent
in vivo mechanical properties of, heart valves (Amini et al, 2012; Rausch and Kuhl,
2013) and arteries (Dobrin et al, 1975; Chuong and Fung, 1986; Cardamone et al,
2009), for example. It therefore largely dictates the functioning of these cardiovascu-
lar tissues. Second, prestress development has shown to increase tissue extracellular
matrix (ECM) alignment and increased matrix deposition in tissue engineered (TE)
sheets (Grenier et al, 2005) and heart valves (Mol et al, 2005a), respectively, hence in-
fluencing structural adaptation in the long run. Finally, abnormal levels of prestress
can give rise to serious pathologies which, among others, include vascular hyper-
tension caused by excessive prestress-induced vasoconstriction (Fagan et al, 2004),
and aneurysm formation caused by insufficient levels of prestress in tissue-engineered
vascular grafts (Tara et al, 2015). In this context, gaining insight into the factors
influencing the development of tissue prestress is of paramount importance.

Cell traction-mediated prestress
The development of tissue prestress in cardiovascular tissues typically arises due to
complex growth and remodeling phenomena, which are only partially understood
(Ambrosi et al, 2011). One particularly interesting mechanism for prestress devel-
opment is the ability of cells to apply traction forces to their surroundings. These
forces are generated by contraction of cellular actin stress fibers. Subsequently, these
actively generated forces are transferred to the surrounding ECM by means of focal
adhesions, leading to the development of tissue prestress. Van Vlimmeren et al (2012)
showed that these cell-mediated traction forces are accountable for roughly 40% of
the prestress present in statically cultured tissue-engineered strips.

Quantifying the effect of perturbations on prestress development
Many previous studies have investigated the effect of cellular traction forces on the
development of tissue prestress. For instance, van Loosdregt et al (2018) studied
the relationship between intrinsically generated cell stress and cellular organization
in 2D, and found the two to be independent from each other. In addition, Legant
et al (2009) developed a platform in which micrometer-scale cantilevers were used
to simultaneously culture 3D microtissues and measure the generated stress. This
stress increased with higher cantilever stiffness, but decreased with increasing col-
lagen concentrations. Kural and Billiar (2014) used similar microtissues to study
the effect of boundary stiffness, and TGF-β exposure to the developed cell-generated
forces. Finally, Boudou et al (2012) also created a microfabricated platform to mea-
sure the dynamic contraction of cardiac microtissues, which was later adapted by
van Spreeuwel et al (2014), who studied the influence of matrix (an)isotropy on this
intrinsic contraction. The main advantages of these micrometer scale setups over
conventional platforms are the relatively short culture times, and the option of ac-
commodating a large number of samples. However, these particular setups were only
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used to study cell-generated stress under static external loading which is not physio-
logical for cardiovascular tissues, since these are constantly being exposed to dynamic
loading conditions.

Dynamic loading & prestress
There is evidence that external dynamic loading can alter (micro)tissue organization
and potentially the degree of developed prestress. Like Legant et al (2009), Foolen
et al (2012) also used cantilever-suspended tissues, but in this particular case the can-
tilevers were mounted on top of a stretchable membrane, enabling dynamic loading
of the constructs. They found that uniaxial and biaxial cyclic stretch differentially
affected active actin and collagen (re)organization in 3D. However, as the cantilevers
were relatively stiff, tissue prestress could not be quantified. A similar study by
Gould et al (2012) found that dynamic loading of collagen hydrogels, in addition to
regulating collagen fiber alignment and cellular orientation, is a potent regulator of
cellular phenotype. Finally, Zhao et al (2013b) cyclically loaded microtissues for 15
minutes using electromagnetic tweezers and found increased tissue stiffness due to
increased cellular traction forces. However, it remains unclear whether long-term ex-
posure to dynamic mechanical stimuli also induces a cell traction-mediated increase
in prestress. This can be especially important in cardiovascular tissue-engineering
therapies, which introduce a previously unloaded construct into a continuously dy-
namic loaded in vivo environment. If this is the case, prestress-induced changes in
TE construct mechanical properties can alter its in vivo functionality, ultimately de-
termining the success or failure of the therapy. Delvoye et al (1991) showed that in
constrained collagen gels, seeded fibroblasts will compact the ECM until the tensile
stress reaches a steady state. After subsequent perturbations in the gel, the cells
will again strive to restore the same mechanical steady state. In analogy with this
phenomenon, we hypothesize that cells will also mediate tissue prestress in response
to dynamic stimulation by increasing their actin-generated cell traction forces.

To investigate the validity of this hypothesis, in this study 3D microtissues were
exposed to long-term dynamical loading, after which the cell traction-induced pre-
stress was quantified. To this end, a microfabricated tissue gauge (µTUG) platform
(van Spreeuwel et al, 2014) was combined with the commercially available Flexcell
system to create a µFlex-TUG setup and facilitate 24 hour cyclic stretching of the
microtissues. First, the setup was validated by measuring the microtissue stretches
during dynamic culture using digital image correlation. Subsequently, microtissues
were dynamically cultured for 24 hours, which increased the cell traction-induced
tissue prestress almost twofold. Next, the origin of the increased prestress levels was
investigated. First, a ROCK-inhibitor, temporary inhibiting stress fiber contractility,
was added after 48 hours to both dynamically and statically cultured experimental
groups. In both groups, prestress levels were comparable and almost completely
abated after ROCK-inhibition, showing that the elevated prestress levels after 24
hour dynamical culture can solely be attributed to increased stress fiber contraction.
Second, after subsequent removal of the ROCK-inhibitor, prestress magnitudes re-
turned to static control levels. In addition, in another dynamically cultured group,
the elevated prestress levels returned to magnitudes comparable to static controls af-
ter removal of the dynamic cue. These findings show that intrinsic tissue prestress is
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a highly regulated parameter, in which the actin stress fibers serve as a mechanostat
to control this prestress.

Since cardiovascular tissues are experiencing everlasting hemodynamic loading, and
the fact that prestress influences a tissue’s mechanical behavior, these findings have
important implications for accurately determining (in vivo) mechanical properties.
Additionally, tissue-engineering therapies aimed at replacing such cardiovascular tis-
sues often use cells with a contractile phenotype. The findings suggest that dynamic
stimulation after implantation of the TE constructs could alter their in vivo function
and subsequent success of the therapy.

2.2 Methods

µFlex-TUG and µTUG fabrication
The setup consists of eighty microfabricated tissue gauges (µTUGs), where each of
these µTUGs contains four compliant polydimethylsiloxane (PDMS) microposts em-
bedded in a microwell (Figure 2.1A,B). One µTUG is 1125 µm long and µTUG deep.
Fabrication of the µTUGs was performed according to van Spreeuwel et al (2014).
Briefly, positive masters were created by spincoating SU-8 photoresist (Microchem,
Berlin, Germany) on a silicon wafer, which was subsequently UV-exposed. Alignment
of different layers was performed using a Suss MJB3 mask aligner (Suss Microtec,
Garching, Germany). The masters were then made non-adhesive through overnight
silanization with (tridecafluoro-1,1,2,2-tetrahydrooctyl)-1-trichlorosilane (Abcr, Karl-
sruhe, Germany) under vacuum. Negative PDMS templates were made by casting
PDMS, with prepolymer to curing agent ratio of 10 : 1 w/w (Sylgard 184; Dow-
Corning, Midland, USA) on the masters, followed by overnight incubation at 65 ◦C.
These negative PDMS templates were then treated in a plasma oxydizer (1 min at 100
watt) and again made non-adhesive by overnight silanization. Subsequently, PDMS
was cast on these templates which was then degassed in a vacuum oven. The PDMS-
covered negative templates were either stamped in Flexcell BioFlex plates (Flexcell
International Corporation, Burlington, NC, USA) to create µFlex-TUGs for dynamic
culture, or in regular petri dishes to create static µTUGs. Finally, both setups were
cured overnight at 65 ◦C followed by careful removal of the negative template.

Cell and microtissue culture
Human vena saphena cells (HVSCs) were cultured until passage 7 using culture
medium containing advanced Dulbecco’s Modified Eagle Medium (DMEM, Invit-
rogen, Carlsbac, CA, USA), supplemented with 10% Fetal Bovine Serum (FBS,
Greiner Bio One, Frinckenhausen, Germany), 1% Glutamax (Invitrogen) and 1%
penicillin/streptomycin (Lonza, Basel, Switzerland). These cells have previously been
characterized as myofibroblasts (Mol et al, 2005b) and exhibit a contractile pheno-
type. Microtissues were created according to the protocol described by van Spreeuwel
et al (2014). In short, first the µFlex-TUGs and µTUGs were sterilized by immersion
in 70% ethanol for 15 min, followed by 15 min UV radiation. To impair cell adhesion,
the PDMS was treated with 0.2% Pluronic F127 (BASF, Ludwigshafen am Rhein,
Germany) in PBS for 15 min. A gel mixture containing 50% collagen (Rat tail colla-
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Figure 2.1: A) Design of the microwell containing four PDMS microposts (courtesy
of Alex Bastiaens). B) µTUGs created on a Flexcell plate to create a µFlex-TUG.
C) Application of uniaxial dynamic loading to the µFlex-TUGs.

gen type 1, BD biosciences, New Jersey, US, 3.2 mg ml−1), 39% culture medium, 8%
growth factor-reduced Matrigel (BD Biosciences) and 3% 0.25 M NaOH was prepared
and centrifuged into the microwells (1 min, 2000 RPM). Residual gel which was not
in the microwells was used to resuspend harvested HVSCs (1 million cells per ml
gel suspension), after which this suspension was centrifuged again into the microw-
ells (1 min, 1000 RPM)(Figure 2.2A). Excessive gel was removed and the remaining
cell/gel suspension in the microwells was allowed to polymerize for 10 min at 37 ◦C.
Finally, 0.25 mg/mL L-ascorbic 2-phosphate acid (Sigma-Aldrich, St. Louis, MO,
USA) supplemented standard culture medium was added on top of the microwells.
After seeding, the setups were placed in an incubator for 24 hours at 37°C, 100%
humidity and 5% CO2 to allow for initial microtissue formation (Figure 2.2B).
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Figure 2.2: A) Seeding of the cell/gel suspension in a microwell. B) Formation of
a microtissue. C) Dynamic stretching of a microtissue. D) Measuring prestress by
tracking the micropost displacement.

Dynamic µFlex-TUG culture and validation

To cyclically stretch the microtissues, the seeded µFlex-TUGs were placed in the
Flexcell FX-4000 system supported by rectangular posts (Figure 2.1B). This system
enables application of uniaxial dynamic loading conditions by applying a vacuum to
the flexible membrane of the Flexcell plates and stretching it over the posts (Figure
2.1C). The PDMS microposts connected to the membrane translate these stretches
to the connected microtissue (Figure 2.2C. It is unknown how the Flexcell mem-
brane stretches translate to actual microtissue stretches. In this regard, Colombo
et al (2008) showed that accurate calibration and measurements of Flexcell strains
are recommended given the viscoelastic nature of the Flexcell system. We therefore
validated the µFlex-TUG system prior to the experiments. Towards this end, micro-
tissues were seeded in the µFlex-TUG system and 5,10,15 and 20% Flexcell strains
with a frequency of 0.5 Hertz were applied. Videos of the stretched microtissues
were recorded with a camera mounted on a Zeiss stereo discovery v8 (Oberkochen,
Germany) and analyzed using previously developed DIC software by Neggers et al
(2012a) to obtain the Green-Lagrange strains (in the constrained tissue direction)
in one rectangular middle section of the microtissue for each of the applied Flexcell
strains.
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Figure 2.3: A) Middle slice of a 3D image form a collagen-stained microtissue. B)
Determining the cross-sectional area by using a convex hull on the middle lateral slice
form the 3D image. C) DAPI stained a microtissue. D) Watershed filtering of cell
nuclei. E) Segmenting and counting the cell nuclei in 3D, where every individual
nucleus has a different color.

Confocal Microscopy

To visualize microtissue structure at the end of the experiments, the microtissues were
incubated with a collagen-specific CNA35 probe (Boerboom et al, 2007) for 30 min,
after which Z-stack images were made using a confocal laser scanning microscope
(TCS SP5X; Leica Microsystems, Wetzlar, Germany, excitation 488 nm, emission
520 nm, magnification 10x, Z-step= 3 µm). Next, microtissues were fixed for 10 min
using 10% formalin, followed by permeabilization with 0.5% Triton X-100 in PBS.
The cell nuclei and actin network were stained with DAPI and Atto 488 Phalloidin
(Sigma-Aldrich) dyes, respectively, and imaged using the confocal microscope.

Prestress measurements

In order to quantify the tissue prestress, first the generated forces on the four PDMS
microposts were determined. Towards this end brightfield images of the microtissues
were made on every time point on an EVOS XL Core microscope (Thermo Fisher,
Waltham, MA, USA). Using a semi-automatic, custom-made Matlab script (Math-
works, Natick, USA), the four strongest circles in each image were detected using
Matlab’s imfindcircles function. The position of these circles corresponded to the top
of the four microposts. The displacement of the center of each circle with respect to
its original position was used to determine the displacement of the top of these posts
(u). Next, the spring constantK [= 1.22 N m−1] of a single micropost was determined
by means of finite element simulations (Abaqus, Dassault Systèmes Simulia Corp.,
Providence, RI, USA, version 6.14-1). First, a force was applied to the top part of a
single micropost, after which the displacement of the top middle node in the direction
of the force was determined (for more information see the electronic supplementary
information). Second, using this spring constant and the micropost displacement, the
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force exerted on one micropost (F ipost) was determined:

F ipost = Kupost and Ftissue =

4∑
n=1

F ipost (2.1)

where the total microtissue force Ftissue is the sum of the individual forces on each
of the four posts. It needs to be noted that only the component of the total force in
the constrained direction was considered). To acquire the prestress in the microtis-
sues, the measured forces need to be translated into stresses. Towards this end, the
cross-sectional area (CSA) from each microtissue was obtained. First from all the
images made during the force measurements, Matlab’s imdistline function was used
to obtain the width in the middle part of the microtissue, which we define as the
”Cross-Sectional Length” (ACSL). Second, at the end of the experiment the ’real’
CSA (ACSA) from the collagen stained microtissues (section Confocal Microscopy)
was determined. All slices of the Z-stack were imported into Matlab, and from the
middle image the main orientation of the largest connected component (which is the
microtissues) was obtained using the regionprops Matlab function. This main orien-
tation was used to rotate all individual slices so that the images align in the horizontal
direction (Figure 2.3A). Next, each lateral slice form the 3D image was binarized. A
convex hull was wrapped around the images, where the pixels within this convex hull
compose the CSA (Figure 2.3B). The lateral slice with the smallest convex hull was
obtained and used together with the dimension data from each voxel to obtain the
microtissue CSA in µm2. This real CSA was plotted against the microtissue width at
the end of the experiment, for which a strong correlation (R2=0.91) was found when
fitting a linear model (Figure 2.4). Finally, the real CSA was determined by applying
the obtained linear model to the measured microtissues widths at each previous time
point of the experiment. All the forces (Ftissue,µN) were divided by the CSA (ACSA,
µm2) to obtain the microtissue prestress (σ) in kPa, i.e.:

σ =
Ftissue
ACSA

. (2.2)

Number of cells
To determine the prestress magnitude per cell, the number of cells per microtissue
was counted. This was done by importing the Z-stacks of the DAPI channel from
the confocal images into ImageJ (NIH, Bethesda, MD, USA) (Figure 2.3C). First
the stacks were filtered with a 3D watershed algorithm (Ollion et al, 2013) (Figure
2.3D). Next the amount of cells in the binarized images were counted using a 3D
object counter plugin (Bolte and Cordelières, 2006)(Figure 2.3E).

Experimental design
Microtissues were seeded in two µTUGs as a static control, and additionally two wells
in a µFlex-TUG were seeded as a dynamic group. An overview of the experimental
design can be found in Figure 2.5. Initially, all four groups were cultured under
static conditions for 24 hours to allow the formation of microtissues, after which
the force and CSA were determined. To determine the effect of dynamic loading
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Figure 2.4: Cross-sectional length (ACSL) plotted against actual microtissue CSA
ACSA. The black line is the fitted linear model with equation: ACSA=90.09*ACSL-
10323.41 (R2=0.91).

Figure 2.5: Experiment design: the left column indicates the three experimental
groups and the control group. Each time point is indicated on the top row.

on the generated prestress, subsequently the two dynamic groups were switched to
dynamic culture conditions by applying 10% strain to the Flexcell plate at 0.5 Hz.
After another 24 hours, the force and CSA was determined again for all groups. To
analyze the cell traction-mediated fraction of the total prestress, a ROCK-inhibitor
(Y-27632, Sigma-Aldrich) was added to one static and one dynamic group and forces
and CSA were measured again after 30 min. Finally, to determine whether differences
in prestress were reversible, the ROCK-inhibitor was removed by adding fresh culture
medium and switching all dynamic groups back to static culture conditions. After a
final 24 hours the prestress was measured again for all groups.

Statistical analysis
Only microtissues which were still attached to all four posts at the end of the ex-
periment (72h) were included in the analysis. For the static control group and the
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ROCK-inhibited static group, sample numbers were 21 and 24 respectively, while for
the dynamic and ROCK-inhibited dynamic group the sample sizes were 10 and 13,
respectively. All data were reported as mean ± standard error of mean. Statistical
analysis of the data was performed with a many-to-one Dunnett test, comparing all
conditions to one control group, accounting for heterogeneous variances and unequal
samples sizes using the methods and implementation into the statistical software
package R (R Core Team, Vienna, Austria) described in Herberich et al (2010). For
analyzing the number of cells per microtissue, a Wilcoxon signed-rank statistical test
was performed in MATLAB.

2.3 Results

Microtissue strains are one-third of the applied Flexcell strains
The applied Flexcell strains clearly translated to a strain in the microtissues (Figure
2.6A,B). During one cycle (2 seconds), these microtissues strains followed a homo-
geneous inverse parabolic profile (Figure 2.6C), reaching a maximum value halfway
through the cycle. When quantifying the maximal microtissue Green-Lagrange strains,
it was found that they increased with the applied Flexcell strains (Figure 2.6C,D).
However, the applied Flexcell strains did not equal the microtissue strains. As a rule
of thumb, the actual microtissue strain was assessed to be one-third of the applied
Flexcell strain.

The microtissues have a uniform distribution of cells, and collagen
and stress fibers are aligned in the constrained direction
The cells are uniformly spaced inside the microtissues (Figure 2.7A). Also the col-
lagen (Figure 2.7B) and actin (Figure 2.7C) are homogenously distributed in the
microtissue, where the fibers are oriented in the longitudinal direction.

Increased prestress in dynamically cultured microtissues
The prestress in the static control group remained constant during 72 hours of culture
(Figure 2.8A, blue). Although initially the prestress was similar after 24 hours,
following dynamic stimulation, the microtissue prestress increased significantly to
levels over twice that of the statically cultured controls after 48 hours of culture
(Figure 2.8A, red). Upon removal of the dynamic mechanical cue, prestress levels
went back to equal magnitudes as that of static controls at 72 hours of culture.

Prestress increase is caused by the stress fibers and is reversible
The statically cultured microtissues which were exposed to the ROCK-inhibitor showed
a similar prestress magnitude at 24 and 48 hours of culture. However, after addition
of the inhibitor, the prestress dropped significantly (Figure 2.8B, red), leaving only
a small amount of residual stress. After subsequent removal of the ROCK-inhibitor,
within 24 hours the prestress again reached comparable levels compared to the con-
trol group.
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Figure 2.6: A) A microtissue without externally applied mechanical cues. B) A
dynamically cultured microtissue at 10% Flexcell strain. C Average actual microtissue
Green-Lagrange strains during one cycle (2 seconds) for different applied Flexcell
strains (legend). The dotted lines indicate the maximal strains during the cycles. D
Maximum Green-Lagrange strains (averaged over the mid-section of the microtissues
in B) for increasing applied Flexcell strains.

Figure 2.7: General tissue organization depicted in these confocal images of a DAPI
(A), collagen (B) and actin-stained (C) microtissue after 72 hours of culture.
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Figure 2.8: A) Static control group (blue) and dynamically cultured microtissues
(red line, period of loading indicated by the red area). B) Static control group
(blue) and ROCK-inhibited (RI, red, at 48 hours) microtissues over the course of 72
hours. C) Static control group (blue) and dynamically stretched microtissues (red
line, period of loading indicated by the red area). A ROCK-inhibitor was added to
the dynamically cultured microtissues after 48 hours (RI), which was again removed
after 30 min. Significant changes (p<0.05) between the two groups are indicated by a
*. Note that the blue controls in A,B and C are the same experimental group in all
figures. The characters of subfigures A,B and C correspond to the characters used
in Figure 2.5

A similar phenomenon was observed in the ROCK-inhibited dynamically cultured
microtissues. Upon dynamic culture, the stretched microtissue prestress again in-
creased significantly to levels over twice that of the statically cultured controls at
48 hours of culture (Figure 2.8C, blue). Addition of the ROCK-inhibitor diminished
that higher prestress almost completely, leading to levels of residual stresses compa-
rable to the statically ROCK-inhibited microtissues (Figure 2.8B). In line with earlier
observations, removal of the ROCK-inhibitor and subsequent static culture resulted
in similar prestress levels as statically cultured controls after 72 hours.

Prestress per cell is similar in statically and dynamically cultured
groups at the end of culture
The number of cells per individual microtissue was determined using a DAPI staining
(section Number of cells) at the end of culture. The number of cells differed substan-
tially within the experimental groups for both conditions (Figure 2.9). However no
statistical differences between the statically and dynamically cultured groups were
found (p=0.5614).
When plotting the stress in each microtissue against the number of cells, an increas-
ing linear relationship was found for both the statically (R2=0.55) and dynamically
(R2=0.62) cultured groups (Figure 2.10).

2.4 Discussion

In this study it was investigated how long-term exposure to dynamic loading will
influence cell traction-induced prestress in 3D microtissues. To facilitate this, a mi-
crofabricated tissue gauge platform was combined with the commercially available
Flexcell system to enable 24 hour cyclic stretching of the microtissues.
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Figure 2.9: Boxplot of the number of cells per microtissue for the statically (left)
and dynamically (right) cultured groups at the end of the experiment.

Setup validation
First the developed system was validated by measuring the actual microtissue strains
with DIC. As already stated by Colombo et al (2008), the applied Flexcell strains
do not necessarily translate one-to-one to actual microtissue strains. On average,
the actual microtissue strain was one third of the applied Flexcell strains. Possible
reasons for this are twofold: first, addition of a PDMS layer to the Flexcell membrane
makes the entire base of the µFlex-TUGs more stiff, and thus with the same vacuum
magnitude the membrane yields less displacement. Second, the microtissues are con-
nected to compliant microposts, which contrary to for example Foolen et al (2012),
bend when the cyclic stretch is applied, making the strain in the microtissues even
smaller.

Cell traction forces are a mechanostat for tissue prestress
After validation of the setup, experiments were performed to determine the effect of
dynamic loading on cell traction-mediated prestress. In the first 24 hours, all groups
were cultured statically to ensure microtissue formation. The prestress after 24 hours
was similar for all four groups. This confirms that merely culturing the microtissues
in a different setup (µFlex-TUG or static µTUGs) without applying cyclic stretch
did not affect the prestress. For static controls, prestress remains constant over the
entire experiment. Upon dynamic culture, the prestress roughly increased twofold
compared to the static controls. This prestress increase is entirely caused by cell
traction forces, as ROCK-inhibition almost completely diminishes the prestress. In
fact, both the statically and dynamically cultured microtissues returned to similar
values of prestress (0.50 and 0.68 kPa respectively) after ROCK-inhibition. This
passive residual stress in the static group contributes 19% to the total prestress,
and 14% in the dynamic group. When comparing the percentual contribution in
the static group to statically cultured TE strips by Van Vlimmeren et al (2012),
this percentage is significantly lower (60%). However, in this particular study the
culture times were considerably shorter, so very little matrix production could have
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Figure 2.10: Stress plotted against the number of cells (Ncells) per microtissue for
the statically (left) and dynamically (right) cultured groups at 72 hours of culture
(after recovery). Each dot corresponds to one microtissue. The black lines indicate
a linear fit through all data points. The equations for these lines are σ = 0.0018 ∗
Ncells + 1.1914 and σ = 0.0017 ∗ Ncells + 1.5651 for the statically (R2=0.55) and
dynamically (R2=0.62) cultured microtissues respectively.

taken place. Therefore, this discrepancy could be explained by the fact that the only
residual matrix prestress is caused by the relatively compliant collagen gel, which is
far less stiff compared to the fibrous collagenous matrix in TE strips. After switching
the dynamically cultured microtissues back to static conditions, or upon removal of
the ROCK-inhibitor, prestress in all groups is again normalized and comparable to
the control group after 72 hours. The typical timescales (smaller than 24 hours)
at which the increase and decrease of prestress lay within the typical turnover rate
of actin stress fiber, which is approximately minutes (Peterson et al, 2004; Mbikou
et al, 2006; Livne and Geiger, 2016). These results show that cyclic load-induced
elevated prestress levels, and the restoration to baseline levels after removal of the
ROCK-inhibitor or dynamic cue are regulated only by the actin stress fiber generated
cell traction forces. It appears that in these relatively immature microtissues, the
actin stress fibers serve as a mechanostat to regulate the prestress in response to
perturbations in the environment.

Microtissue structure and increasing prestress with cell number
At the experimental timepoints, both statically and dynamically cultured microtis-
sues were stained for actin stress fibers, collagen and cell nuclei. Both the actin and
collagen staining showed aligned fibers in the longitudinal direction of the microtis-
sues. This phenomenon is not surprising since this is the only constrained direction
of the constructs. The cells in the microtissue were homogeneously distributed. How-
ever, cell numbers among microtissues varied up to 10 fold (± 150-1500). This is
possibly caused by the fact that during seeding, the cells are centrifuged into 80 dif-
ferent microwells at once. This makes it impossible to control how many cells end up
per microtissue. Regardless of this fact, successful microtissues formation - attached
to all four posts - could occur with such a varying number of cells per construct. The
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effect of the varying numbers of cells per microtissue is also noticeable in microtissue
prestress. Since prestress differences in this study are mainly caused by cell traction
forces, larger cell numbers in microtissues cause higher prestress magnitudes. How-
ever, a twofold increase in cell number for instance does not yield a prestress of the
double magnitude. It appears that a single cell does not exert a certain magnitude
of traction forces regardless of its environment. This coincides with the findings by
Canovi et al (2016), who showed that cellular traction forces in 2D culture decrease
with increasing confluency. Again in this case, the cell traction forces serve as a
mechanostat for the total tissue prestress in response to changing numbers of cells.

Challenges and future directions
In these experiments, the microtissues were loaded uniaxially. Since many cardio-
vascular tissues are loaded in multiple directions, a biaxial loading regime as used in
Foolen et al (2012) would mimic the in vivo situation more closely. Moreover, this
setup could enable testing prestress development in anisotropically organized tissues.
Also, in the current experiments the applied microtissue strains were relatively low
(3.01% ± 0.26), whereas higher levels of strain would be more realistic to the na-
tive situation of many cardiovascular tissues. Additionally, tracking prestress levels
in real-time, instead of at discrete time points can give more insight into the rate
of change in prestress. Currently, it is unknown how prestress changes in between
the discrete time points (hence the dotted lines in Figure 2.8). Finally, little to no
matrix production could occur during these experiments, which explains the rela-
tively small contribution of the residual stress to the total tissue prestress. Yet, it
is known that prolonged dynamic loading induces elevated levels of ECM production
and cross-linking (Boerboom et al, 2008; van Geemen et al, 2013), which is expected
to generate more prestress. It would therefore be interesting to increase the culture
time of the experiments to study the effect of ECM-induced prestress.

Implications
The implications of increased cell traction-induced prestress under dynamic loading
conditions and subsequent relatively quick recovery, are numerous. This phenomenon
should for instance be considered when mechanically testing cardiovascular tissues.
Rausch and Kuhl (2013) already reported that neglecting tissue prestress explained
differences in reported stiffness values in literature of up to four orders of magni-
tude for the same types of tissues, showing the importance of accurate prestress
quantification. Usually, these prestress measurements involve isolating the tissue
in question from its native situation and determining the retraction (Chuong and
Fung, 1986; Amini et al, 2012; Horny et al, 2013). However since this study shows
that the prestress drops relatively quickly after removal of the dynamic cues, pre-
stress measurements in these dynamically loaded cardiovascular tissues could yield
different outcomes depending on the time of the measurement after excision. In-
creased cell-induced prestress could also influence tissue-engineering therapies. Since
these therapies rely on cell-seeded scaffolds where these cells often have a contrac-
tile phenotype (Mol et al, 2005b; Tara et al, 2015), substantial prestress magnitudes
are ought to be expected. Introducing such a construct from a previously unloaded
environment into a continuously dynamic loaded in vivo environment, can lead to
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prestress-induced changes in the construct’s mechanical behavior. This can lead to
subsequent alterations in its in vivo functionality, determining the success or failure
of the therapy. Several factors associated with tissue-engineering strategies can in-
fluence these cell-generated prestress levels. For instance, the mechanical properties
of the scaffold dictate the biomechanical behavior of the construct, thus also influ-
ence the mechanical strains experienced by the cells. A relatively compliant scaffold
would induce larger cellular strains, and subsequent higher tissue prestress, whereas
a stiff scaffold could shield the cells from the dynamic loads, yielding a lower pre-
stress. Furthermore, temporal changes in scaffold degradation, ECM accumulation
and organization will influence dynamic cues sensed by the cells, and hence the tissue
prestress, which then again alters the functioning of the TE construct.

2.5 Conclusions

This study investigated how 24 hour dynamic loading influences cell traction-induced
prestress in 3D microtissues. Towards this end, a setup to culture microtissues was
combined with the commercially available Flexcell system to facilitate dynamic cul-
ture of the constructs. First, the setup was validated to determine the peak micro-
tissue stretches during the experiment, after which the effect of the applied dynamic
microtissue stretch on the generated prestress was quantified. After 24 hours, pre-
stress increased significantly compared to static controls. However, after subsequent
removal of the dynamic cue, prestress again dropped to levels comparable to static
controls. With the addition of a ROCK-inhibitor, the prestress in these microtissues
vanished almost completely, confirming that the prestress in these microtissues can
be completely attributed to the cellular traction forces. Finally, after removal of
the ROCK-inhibitor, prestress magnitudes restored to baseline levels. In conclusions,
these results indicate that intrinsic tissue prestress is a highly controlled parameter,
where the actin stress fibers serve as a mechanostat by regulating tissue prestress
levels in response to perturbations in the environment. These findings can have
important implications for mechanical testing of native cardiovascular tissues, and
tissue-engineering therapies.
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Chapter 3
A computational model to predict cell

traction-mediated prestretch in the mitral
valve

Prestretch is observed in many soft biological tissues, directly influencing the mechan-
ical behavior of the tissue in question. The development of this prestretch occurs
through complex growth and remodeling phenomena, which yet remain to be eluci-
dated. In the present study it is investigated whether local cell-mediated traction
forces can explain the development of global anisotropic tissue prestretch in the mi-
tral valve. Towards this end, a model predicting actin stress fiber-generated traction
forces was implemented in a finite element framework of the mitral valve. The overall
predicted magnitude of prestretch induced valvular contraction after release of in vivo
boundary constraints was in good agreement with data reported on valvular retraction
after excision from the heart. Next, by using a systematic variation of model parame-
ters and structural properties, a more anisotropic prestretch development in the valve
could be obtained, which was also similar to physiological values. In conclusion, this
study shows that cell-generated traction forces could explain prestretch magnitude and
anisotropy in the mitral valve.

This chapter is based on:
MAJ van Kelle, MK Rausch, E Kuhl, S Loerakker. A computational model to predict cell traction-
mediated prestretch in the mitral valve. CMBBE (Submitted)



Chapter 3

3.1 Introduction

Prestretch is the stretch present in many biological tissues which, upon release of in
vivo boundary constraints, leads to retraction. This prestretch directly and indirectly
influences the biomechanical behavior of the tissue in question. First, the presence
of prestretch directly affects the apparent in vivo stiffness of soft biological tissues.
In fact, Rausch and Kuhl (2013) showed that when studying the mechanical prop-
erties of the mitral valve, taking tissue prestretch into account could explain great
discrepancies (up to three orders of magnitude) in reported stiffness values in the
literature. Moreover, Cardamone et al (2009) showed that a linear distribution of
elastin prestretch along the arterial wall can explain uniform homeostatic stresses in
vivo. Second, prestretch can influence growth and remodeling processes, leading to
different structural adaptation in the long run in these tissues (Grenier et al (2005);
Mol et al (2005a)).

For these reasons, it is evident that quantification of this prestretch is imperative
when studying the load bearing capacity or adaptation of soft biological tissues. Un-
fortunately, accurately determining the degree of prestretch in vivo is often cumber-
some, if possible at all, due to the complex geometries and loading conditions, and
always demands sacrificing the tissue. Many have attempted to quantify prestretch
in cardiovascular tissues using such invasive measurements. Already in 1975, Dobrin
et al observed prestretch-induced longitudinal retraction of arteries after excision.
In addition, Chuong and Fung (1986), with their famous opening angle experiment,
were the first to quantify residual stresses in arteries, even after prestretch was al-
ready alleviated. Also in in vitro tissue engineered heart valves, immediate retraction
is observed upon release of the leaflets (Mol et al (2005a)), which was quantified by
van Vlimmeren et al (2011). In a later study, Van Vlimmeren et al (2012) showed that
this tissue retraction process can be split in an immediate passive response, and an
additional cell-mediated active retraction of the leaflets. Finally, Amini et al (2012)
quantified leaflet stretches in the mitral valve after excision from the heart, referenced
to the in vivo loaded configuration at minimum left ventricular pressure, and showed
different prestretch magnitudes in the circumferential and radial direction.

Although these studies are very insightful, they still require invasive measurements
and give little information on the underlying mechanisms of how tissue prestretch
arises in vivo. Computational models can potentially be used to gain a mechanistic
understanding of the development of tissue prestretch on the one hand, and aid in
accurately predicting tissue prestretch magnitude and (an)isotropy in vivo on the
other hand. Different studies have proposed models in which prestretch was pre-
scribed explicitly (Nagel and Kelly (2012); Soares et al (2012)) or assumed a priori
(Cardamone et al (2009)). A similar study was also conducted by Rausch and Kuhl
(2013), in which they prescribed different degrees of prestretch in the mitral valve
and used an inverse finite element method with in vivo recorded membrane displace-
ments and boundary conditions to determine the valve’s material properties. The
predicted membrane stiffness turned out to vary four orders of magnitude depending
on the applied level of prestretch. This demonstrates that an accurate estimation of
prestretch is crucial to quantify the material properties of biological tissues. However,
in this model it was assumed that prestretch is mapped homogeneously and isotropi-
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cally over the valve, while Amini et al (2012) suggested that mitral valve prestretch is
rather anisotropic. Furthermore, the biological mechanism through which prestretch
is induced was not addressed.

Tissue prestretch originates under the influence of complex growth and remodeling
processes, which are only partly understood (Ambrosi et al (2011)). In this study
we hypothesize that cells embedded in the tissue are primarily responsible for the
development of tissue prestretch, by directly compacting fibers in a ’hand-over-hand’
fashion on a local level (Meshel et al (2005)). On a global tissue level, these traction
forces may lead to the development of in vivo prestretch. These so-called cellular
traction forces are already known to influence tissue organization directly and indi-
rectly. First, cell-generated forces are known to compact a tissue in the unconstrained
direction, leading to an anisotropic alignment of existing fibers in the constrained di-
rection (Brown et al (1998); Meshel et al (2005); Weidenhamer and Tranquillo (2013).
Second, besides affecting the existing extracellular matrix, newly synthesized matrix
components are deposited primarily in the direction in which the cells apply the
largest amount of traction forces (Wang et al (2003); Gealy et al (2009)).

In the present study we aim to understand how cell-mediated traction forces may
lead to the development of anisotropic tissue prestretch in the mitral valve. Towards
this end, a model is required which predicts the development of traction forces by cel-
lular actin stress fibers. Different models have been developed which use physically-
motivated remodeling laws to predict cellular actin stress fiber remodeling. These
models rely on stress and strain homeostasis (Deshpande et al (2006, 2007); Vernerey
and Farsad (2011); Obbink-Huizer et al (2014)) or on a thermodynamic equilibrium
(Foucard and Vernerey (2012); Vigliotti et al (2016)) to predict stress fiber assem-
bly and dissociation in response to topological and mechanical cues. Loerakker et al
(2014) coupled the cell-mediated remodeling laws of Obbink-Huizer et al (2014) to
an algorithm for collagen remodeling, and showed that cellular contractility is a very
important affector of remodeling in tissue engineered heart valves in the pulmonary
position (Loerakker et al (2016)).

In this study the framework by Rausch et al. (Rausch and Kuhl (2013); Rausch
et al (2013)) was adapted by incorporating the model of Loerakker et al (2014, 2016)
in order to understand if local cell-generated traction forces can explain the global
prestretch magnitude and direction in the mitral valve. First, using the original model
parameters and structural organization by Rausch et al (2013), a similar prestretch
magnitude as reported by Amini et al (2012) was obtained. However, contrary to their
findings, the obtained prestretch appeared to be rather isotropic. Second, the effect of
a systematic investigation in both model parameters and structural organization on
the developed prestretch was investigated using insightful virtual stress-stretch exper-
iments and circular sheets. Finally, using these variations, a prestretch magnitude
and anisotropy and resulting mitral valve leaflet contraction (18% circumferential,
22% radial) is predicted, in which structural organization and the relative stiffness of
each direction were big determinants. The predicted retractions were comparable to
the study of Amini et al (2012).
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3.2 Methods

Kinematics
In order to model prestretch development in the mitral valve, we used a multiplicative
split of the total elastic deformation tensor Fe, into a prestretch induced tensor Fp,
and a deformation induced gradient (e.g. applied pressure and due to deformation
in other elements) F (Johnson and Hoger (1995); Rausch et al (2013); Genet et al
(2015)):

Fe = F · Fp (3.1)
where the elastic tensor was split into a volumetric (F vol

e ) and isochoric (F̄e) part:

Fe = F vol
e · F̄e with F vol

e = (Je)
1/3I and F̄e = (Je)

−1/3Fe (3.2)

with unity tensor I and Je= det(Fe). The elastic right Cauchy-Green tensor Ce and
its relation to the isochoric part C̄e, are given by:

Ce = F T
e · Fe = (Je)2/3C̄e (3.3)

Material behavior of the mitral valve
The constitutive response of the tissue was modeled using the same approach as
in Rausch and Kuhl (2013). Briefly, a hyperelastic strain energy density function
characterized by one family of fibers was used:

ψ = U(Je) + ψ̄(Ī1e, Ī4e) (3.4)

Here, the total strain energy density function ψ is split into a volumetric part U(Je),
and an isochoric part ψ̄ dependent on the isochoric elastic invariants Ī1e and Ī4e,
related to the isotropic and anisotropic response of the tissue respectively:

Ī1e = C̄e : I and Ī4e = C̄e : N (3.5)

with structural tensor N = n0 ⊗ n0 with n0 a unit vector in the fiber direction of
the reference configuration.

Similarly, the second Piola-Kirchhoff stress was additively decomposed into a vol-
umetric and isochoric part:

Se = 2
∂ψ

∂Ce
= Svol

e + Siso
e (3.6)

where the individual volumetric and isochoric parts are given by:

Svol
e = 2

∂U

∂Ce
= 2

∂U

∂Je

∂Je
∂Ce

= peJeC
−1
e (3.7)

Siso
e = 2

∂ψ̄

∂Ce
= (Je)

−2/3Pe : S̄e (3.8)

with

S̄e = 2
∂ψ̄

∂Ī1e
I+2

∂ψ̄

∂Ī4e
N , Pe = I− 1

3
C−1
e ⊗Ce and I =

1

2
[I⊗I + I⊗I] (3.9)
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with {α⊗β}ijkl = {α}ik{α}jl and {α⊗β}ijkl = {α}il{α}jk. Assuming a plane stress
condition and incompressibility, an explicit expression for pe can be derived:

sSe33 = Svol
e33 + Siso

e33 = JepeC
−1
e33 + Siso

e33 = 0 → pe = − 1

Je

Siso
e33

C−1
e33

(3.10)

Finally, a push forward operation of the second Piola-Kirchhoff stress into the current
configuration gives the Cauchy stress:

σ =
1

Je
Fe · Se · F T

e (3.11)

Material model
To model the constitutive behavior of the ground matrix and fibrous tissue in the
mitral valve, a hyperelastic Holzapfel model (Gasser et al (2006); Rausch et al (2013))
with a single fiber family was used. Two decoupled terms were employed to describe
the isotropic and anisotropic tissue response respectively:

ψ̄ = c0(Ī1e − 3) +
c1
2c2

(
exp

(
c2(κĪ1e + (1− 3κ)Ī4e − 1)2

)
− 1

)
(3.12)

with constants c0, c1, c2 and fiber dispersity κ. The first derivatives of this strain
energy function with respect to the invariants (ψ̄i = ∂ψ̄

∂Īi
) are given by:

ψ̄1 = c0 + c1κ
(
κĪ1 + (1− 3κ)Ī4 − 1

)
exp

(
c2(κĪ1 + (1− 3κ)Ī4 − 1)2

)
(3.13)

ψ̄4 = c1(1− 3κ)
(
κĪ1 + (1− 3κ)Ī4 − 1

)
exp

(
c2(κĪ1 + (1− 3κ)Ī4 − 1)2

)
(3.14)

which are used in Equation (3.9). The second derivatives (ψ̄ij = ∂2ψ̄
∂Īi∂Īj

) are defined
as:

ψ̄11 = c1κ
2
(
1 + 2c2

(
κĪ1 + (1− 3κ)Ī4 − 1

)2)
exp

(
c2(κĪ1 + (1− 3κ)Ī4 − 1)2

)
(3.15)

ψ̄14 = c1κ(1− 3κ)
(
1 + 2c2

(
κĪ1 + (1− 3κ)Ī4 − 1

)2)
exp

(
c2(κĪ1 + (1− 3κ)Ī4 − 1)2

)
(3.16)

ψ̄44 = c1(1− 3κ)2
(
1 + 2c2

(
κĪ1 + (1− 3κ)Ī4 − 1

)2)
exp

(
c2(κĪ1 + (1− 3κ)Ī4 − 1)2

)
(3.17)

and are used for the tangent modulus, which was implemented according to Prot et al
(2007).

Cell-mediated prestretch
To implement the local influence of cellular traction forces on prestretch, a recently
developed model by Loerakker et al. (Obbink-Huizer et al (2014); Loerakker et al
(2014)) predicting actin stress fiber-generated stresses was included into the model.
It was assumed that cellular stress fibers locally apply a stress magnitude σisf in two
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directions, one along the main fiber direction and one perpendicular to this direction.
The magnitude of this stress is dependent on the Green-Lagrange strain and strain
rate (ϵi and ϵ̇i respectively) in each direction, and a scalar σmax, representing the
maximum amount of cellular contraction.

σisf = σmaxfϵ(ϵ
i)fϵ̇(ϵ̇

i) (3.18)

with ϵi being dependent on the deformation gradient F :

ϵi =
1

2
((F i)2 − 1) (3.19)

with F i the deformation in the principle directions. In this particular case, the strain
rate dependent function fϵ̇(ϵ̇i) from the original model by Loerakker et al (2014) can
be omitted since we only consider stress fiber remodeling at the minimum and maxi-
mum points of the dynamic load curves (see section 3.2), where fϵ̇(ϵ̇i) = 1).

The function fϵ consists of two parts, accounting for the active contraction, and
passive strain-hardening response of the stress fibers respectively:

fϵ = fϵ,a + fϵ,p (3.20)
fϵ,a(ϵ

i) = exp(−(ϵi/ϵ0)
2) (3.21)

fϵ,p(ϵ
i) =

{
(ϵi/ϵ1)

2, if ϵi ≥ 0

0, if ϵi < 0
(3.22)

It was assumed that the actin stress fibers compact the tissue (ground matrix and
fibers) until the magnitude of the Cauchy stress of the tissue in that direction is equal
to that of the stress fibers, if the stress in the tissue is lower than that in the stress
fibers). In that case, a preferred value for the tissue stress is obtained:

σi,pref = σisf , if σi < σisf (3.23)

To fulfill equation (3.23), a local preferred prestretch magnitude λip,pref in that direc-
tion (i is either circumferential or radial) is found using a bisectioning method (where
λip,pref is restricted to values ≥1). Next this preferred prestretch was gradually ap-
plied and updated in the model by means of a first order rate equation with constant
τλ:

dλip
dt

=
1

τλ
(λip,pref − λip) (3.24)

At each point in time, the prestretch tensor at each material point Fp (used in equa-
tion (3.1)) can be derived by assuming that the applied local prestretch is volume-
conserving:

Fp =

 λcircp 0 0
0 λradp 0
0 0 1

λcirc
p λrad

p


Note that the actin stress fiber induced prestretch tensor Fp is defined at a local level,
which implies that it can be heterogeneous and vary between the individual integra-
tion points. In addition, λcircp is not necessarily equal to λradp leading to a potentially
anisotropic (local) prestretch. Together with the load-induced deformation gradient
(F ), the total elastic tensor Fe can be determined using Equation (3.1).
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Implementation

Prestretch in the mitral valve

The entire framework was implemented in the finite element package Abaqus (Das-
sault Systèmes Simulia Corp., Providence, RI, USA, version 6.14-1) using the user-
defined subroutine UMAT, following the implementation described in Prot et al
(2007). The anterior mitral valve leaflet was created in Abaqus using 1035 linear
S3 shell elements (Göktepe et al (2010); Rausch et al (2013)),with a shear stiffness of
100 MPa and a thickness of 1 mm (Figure 3.1A). The leaflet chordae tendinae were
modeled as Neo-Hookean rods with a stiffness of 20 MPa and a cross-sectional area of
1 mm2. To account for leaflet anisotropy, a discrete field of circumferentially oriented
fibers is mapped over the valve (Rausch et al (2013)).

In the first step of the analysis, the lowest pressure during the ovine cardiac cy-
cle (Rausch et al (2011)) was applied at the ventricular side of the leaflet. Next
the maximum pressure was gradually applied, together with displacement boundary
conditions to the outer boundary nodes to accommodate for the deformation of the
annulus (Figure 3.1D). In the following step, actin fiber-generated stresses, and con-
sequent valvular prestretches (section 3.2) were allowed to develop for a time period
of 6 hours, after which an equilibrium in the predicted prestretch was reached. The
maximal left ventricular pressure and annulus deformation were maintained through-
out this remodeling step. After this the pressure was lowered again to minimum left
ventricular pressure. The reasoning behind this is that Amini et al (2012) used this
situation as the benchmark configuration to reference the reported ex vivo stretches
(Figure 3.1E). Next the pressure and displacement boundary conditions, as well as
the chordae tendinea were removed from the model while only fixing the valve in one
middle node in all three dimensions to determine the unloaded configuration of the
leaflet. Since cells are known to actively exert traction forces on their environment
after release of boundary constraints (van Vlimmeren et al (2011)), one additional
remodeling step was added to the analysis to account for this process. Finally, the
leaflet contraction in the circumferential and radial directions were determined. In
analogy with Amini et al (2012), this was done by referencing four nodal coordinates
in the midsection at the end of the simulation, to the coordinates of the same nodes
in vivo in the prestretched valve at minimum left ventricular pressure.

Prestretch in circular sheets

In the model of the valve, there is a complex interplay between the predicted pre-
stretch on the one hand, and structural and anisotropic properties on the other hand.
To gain a mechanistic understanding of how fiber organization influences prestretch
development, the proposed framework was also applied to a relatively simple model
in the form of a circular sheet. This sheet was constructed using 1177 S3 shell el-
ements, while being fully encastred at the edge. The simulations were performed
with two fiber orientations: uniformly horizontal (Figure 3.1B) and fully circumfer-
ential (Figure 3.1C). The same simulation steps were undertaken as with the valve:
first pressurization of the sheet (Figure 3.1F), followed by prestretch development,
application of minimum left ventricular pressure (Figure 3.1G), release of all bound-
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ary constraints while fixing the middle node and finally measurement of the sheet’s
contraction.

Material parameters

For both the circular sheets and the valve, the parameters associated with the stress
generated by the stress fibers, and time constant τλ (equation 3.24) were directly
adopted from Obbink-Huizer et al (2014) and Loerakker et al (2016) (Table 3.1).

Table 3.1: Parameter values used in all simulations.

Model component Parameter Value Reference
Cell-mediated traction σmax 200 kPa Obbink-Huizer et al (2014)

ε0 0.12 Obbink-Huizer et al (2014)
ε1 0.17 kPa Obbink-Huizer et al (2014)
τλ 1h Loerakker et al (2016)

For the Holzapfel model, initially the original material parameters for 30% explicitly
applied prestrain in Rausch et al (2013) were used (Table 3.2). To gain insight
in the separate effect of the isotropic and anisotropic parameters on the predicted
prestretch, c0 and c1 were varied. To possibly obtain a more anisotropic prestretch
first the isotropic parameter c0 was decreased, second the anisotropic parameter c1
was increased followed by a combinations of these two adjustments (Table 3.2).

Table 3.2: Holzapfel Parameters

Simulation c0 (kPa) c1 (kPa) c2 (-) κ (-)
Original parameters 21840.0 116.7 17.5 0.05
Lower c0 10920.0 116.7 17.5 0.05

Higher c1 21840.0 11670.0 17.5 0.05

Lower c0 & higher c1 10920.0 11670.0 17.5 0.05

3.3 Results

In order to elucidate to what extent cell-mediated traction forces form an explanation
for mitral valve prestretch, first the framework was applied to the mesh representing
the anterior mitral valve leaflet, using the original material parameters by Rausch
et al (2013) (Table 3.2). After application of the maximum left ventricular pres-
sure and annulus deformation, the elastic stretches are merely caused by the load
induced part F (Figure 3.2, top row). In the following step the cellular traction
stresses were predicted in the model. These clearly lead to the development of signif-
icant amounts of prestretch in both the circumferential and radial direction (Figure
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Figure 3.1: A,B,C)Meshes of the simulations used, where the fiber orientation is
indicated with black arrows. A) The mitral valve including the chordae tendinea with
the fibers orientated circumferentially. B) Circular sheet with the fibers orientated
uniformly in the horizontal direction. C) Circular sheet with the fibers orientated
circumferentially. The displacement magnitude with respect to the starting configu-
ration (A,B,C) at the maximally loaded state without prestretch in the mitral valve
(D) and the circular sheet (F). E,G) The displacement magnitude in the circular sheet
and the mitral valve at their prestretched and minimally loaded state.
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Figure 3.2: Elastic Green-Lagrange stretches in the circumferential (left column)
and radial (right column) directions due to hemodynamic loading alone (pressure
and annulus deformation) (top row) and after stress fiber-generated prestretch was
developed (bottom row) for the mitral valve with the original material parameters
(Table 3.2).

3.2, bottom row), as the total elastic stretches are higher compared to the merely
hemodynamically loaded valve (Figure 3.2, top row). After release of all boundary
constraints, and the following final remodeling step in which actively exerted traction
forces after valvular excision were modeled, the total local prestretch in the circum-
ferential (λcircp ) and radial directions (λradp ) are very comparable (Figure 3.3A,B).
In line with the local prestretch, this leads to a global valvular retraction which is
also rather isotropic, being 22% circumferentially, 21% radially (Figure 3.3D). These
values agree well with retractions reported by Amini et al (2012) (18% circumferen-
tially, 31% radially). What is also important to mention is that there are remaining
residual stresses present in the valve after excision (Figure 3.3C).

Although the predicted valvular contractions seem physiological, the magnitudes in
both directions are similar, while Amini et al (2012) reported rather anisotropic re-
tractions. To elucidate what the relative contribution of the currently used material
parameters is on the predicted prestretch, the parameters c0 and c1 (accounting for
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Figure 3.3: The mitral valve with the original material parameters (Table 3.2) after
release of all boundary constraints, with the final predicted prestretch in the circum-
ferential (A) and radial direction (B). C) The maximal principal residual stresses left
in the valve after excision. D) Overlay of the excised valve over the original geometry
(maximal principal elastic Green-Lagrange stretch), with black arrows indicating the
percentile valvular circumferential (bottom) and radial (right) retraction referenced
to the in vivo loaded state at minimum pressure.

the isotropic and anisotropic stiffness) were decreased and increased respectively. Be-
fore immediately applying these changes to the material parameters to the valve, a
virtual biaxial tensile test was performed, in which the constitutive response of the
parameter variations was tested. This was done by implementing the material model
in MATLAB (Mathworks, Natick, MA, USA) and virtually applying physiological cir-
cumferential (1.1) and radial (1.31) stretches (Amini et al (2012))(Figure 3.4). The
original model parameters yield a rather linear response in both the circumferen-
tial and radial direction for the entire physiological stretch range in the mitral valve
(Amini et al (2012)). Moreover, the gross material response is isotropic, indicating
that the isotropic parameter c0 is apparently very dominant. Even after lowering
c0, the obtained stresses in both directions are quite comparable, albeit considerably
lower compared to the original parameter set. In contrast, a higher anisotropic pa-
rameter c1 gives a non-linear, stiffer response in the circumferential direction, while
it has little effect on the constitutive behavior in the radial direction compared to the
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Figure 3.4: Stress-stretch response in the circumferential (A) and radial direction
(B) for different material parameters (Table 3.2) for a biaxial test with λcirc = 1.1
and λrad = 1.31 (Amini et al (2012)).

original model parameters hence, the material behavior is also more anisotropic. Fi-
nally, the combined adjustments to c0 and c1 naturally also yield a more anisotropic
material response, being more non-linear circumferentially, and less stiff and linear
radially.

Besides altering the material parameters, we also sought to investigate the effect
of fiber orientation on the predicted prestretch and resulting valvular contraction.
Therefore, relatively simple circular meshes with horizontally (Figure 3.5, left col-
umn) and circumferentially oriented fibers (Figure 3.5, right column) were used, in
combination with the previously mentioned adjustments to the material parameters.
When using the original model parameters, in line with the valve also the circular
sheets contract in an isotropic fashion for both fiber orientations (Figure 3.5A,B).
When lowering the isotropic parameter c0, the overall resistance against the cellular
traction forces decreases, leading to an increased magnitude of contraction increases
in both cases (Figure 3.5C,D). However, with an increased anisotropic parameter c1,
a horizontal fiber orientation shows a clear anisotropic contraction (Figure 3.5E),
whereas in the circumferential case, again a clear isotropic shrinkage of the sheet is
observed (Figure 3.5F). If we finally combine the adjustments to c0 and c1, the retrac-
tion is once more isotropic in the sheet with the circumferential alignment (Figure
3.5H), while it is anisotropic (with a higher magnitude compared to Figure 3.5E) in
the horizontally aligned fibers (Figure 3.5G).

The last parameter set (lower c0 and higher c1) yielded either an anisotropic or
isotropic contraction in the circular sheets, depending on the fiber orientation. This
set of parameters was also applied to the mesh of the valve to see if an anisotropic
contraction (as for instance reported in Amini et al (2012)) could also be obtained.
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Figure 3.5: Maximal principal elastic Green-Lagrange stretch after release of all
boundary constraints for the circular sheets with a horizontal (left column) and cir-
cumferential (right column) fiber orientation. The final configuration of the sheets
is depicted over the original geometry, with black arrows indicating the horizontal
(bottom) and vertical (right) retraction. Each row corresponds to a different material
parameter set (Table 3.2).
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Figure 3.6: Elastic Green-Lagrange stretches in the circumferential (left column)
and radial (right column) directions due to hemodynamic loading alone (pressure
and annulus deformation) (top row) and after stress fiber-generated prestretch was
developed (bottom row) for the mitral valve with the adjusted material parameters
(lower c0 and higher c1, (Table 3.2)).

Again, after the stress fiber remodeling step, the resulting valvular prestretch leads
to higher elastic stretches in both the circumferential and radial direction (Figure
3.6, bottom row) compared to the merely hemodynamically loaded state (Figure
3.6, top row). However, contrary to the original parameter set, in this case the
predicted prestretch is more anisotropic, being lower in the circumferential compared
to the radial direction (Figure 3.7A,B). Once more, there are residual stresses in the
contracted valve (Figure 3.7C). Finally, the valvular contraction is more anisotropic
then the previous case, being 18% in the circumferential direction and 22% in the
radial direction.

3.4 Discussion

In this study, we aimed to elucidate to what extend cell-mediated traction forces may
explain the development of anisotropic tissue prestretch in the mitral valve. Towards
this end, a model predicting actin stress fiber traction forces (Loerakker et al (2016))
was implemented in a finite element framework of mitral valve (Rausch and Kuhl
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Figure 3.7: The mitral valve with the adjusted material parameters (lower c0 and
higher c1, (Table 3.2) after release of all boundary constraints, with the final predicted
prestretch in the circumferential (A) and radial direction (B). C) The maximal prin-
cipal residual stresses left in the valve after excision. D) Overlay of the excised valve
over the original geometry (maximal principal elastic Green-Lagrange stretch), with
black arrows indicating the percentile valvular circumferential (bottom) and radial
(right) retraction referenced to the in vivo loaded state at minimum pressure.

(2013); Rausch et al (2013)). The predicted cellular traction forces on a local level
indeed lead to significant amounts of global prestretch in the mitral valve in vivo.
Therefore, the actual elastic stretches in the valve are higher compared to the merely
hemodynamically loaded state (Figure 3.2 & 3.6). This highlights the importance
of implementing prestretch when modeling the mechanical response of soft biological
tissues such as the mitral valve. Upon release of all boundary constraints, using the
original model parameters, the prestretch in the valve was rather isotropic, which
led to an isotropic valvular retraction. The overall predicted magnitude of this pre-
stretch induced valvular contraction that was in good agreement with data reported
on valvular retraction after excision from the heart (Amini et al (2012)). However,
the retraction in the study by Amini et al (2012) was actually more anisotropic.

In an attempt to explain why the predicted contraction was rather isotropic, the
model parameters were varied and the effect of fiber organization was investigated.

41



Chapter 3

In a circular sheet with uniformly horizontally oriented fibers, an increased anisotropic
material response led indeed to an anisotropic contraction, being larger in the radial
direction. In addition, the magnitude of contraction in both directions could be in-
fluenced by adjusting the isotropic parameter. These findings show that structural
material parameters are important in determining the degree of predicted prestretch.
However, also structural tissue organization plays a significant role. In similar sim-
ulations with a circumferential fiber organization in the circular sheets, the degree
of contraction was always isotropic, regardless of the relative contribution of the
anisotropic fibers to the constitutive behavior. Considering that the valve’s fiber
organization is somewhat in between the extreme fiber organizations prescribed in
the circular sheets, it is not surprising that the valvular leaflet contraction was more
anisotropic than before using the new model parameters, albeit not to the same ex-
tent as in the sheets with the purely horizontally organized fibers. So even though
locally the prestretch is rather anisotropic, on a global level this can lead to a more
isotropic valvular contraction due to structural properties.

These results demonstrate that both the material model with associated parame-
ters, and the structural organization are important contributors to the magnitude
and anisotropy of the overall tissue prestretch. A well-educated choice for such a
material model and parameters is therefore imperative, to accurately predict tissue
prestretch. In the past, various material models have been used to model the consti-
tutive response of the mitral valve (May-Newman and Yin (1998); Prot et al (2007,
2009); Rausch et al (2013); Lee et al (2016)). In this particular case, a Holzapfel
model was chosen as this allowed for a systematic decoupled variation of the isotropic
and anisotropic responses and rendered the most stable results.

The valve’s behavior was modeled using a single family of fibers arranged along the
circumferential direction in a saddle horn-like fashion as used earlier by Rausch and
Kuhl (2013), while Lee et al (2015b) showed that radially oriented collagen and elastin
fibers are also present in the atrialis layers of the valve. A proper representation of
the valve’s structural properties is thus crucial for proper prestretch predictions. A
future study could implement the different layers and associated fiber organizations
into the model, to obtain a more elaborate representation of the mitral valve. The
fact that tissue organization is an important determinant of valvular prestretch could
explain the fact that a loss of tissue organization during mitral valve repair, induces
the potential development of a non-physiological prestretch that could impair normal
valvular function (Braunberger et al (2001); David et al (1993, 2013); Gillinov et al
(2001)).

In conclusion, this study demonstrates that cell traction forces can explain the forma-
tion of significant degrees of prestretch in the mitral valve and the resulting valvular
retraction magnitude is in good agreement with data reported in literature. Poten-
tially, this model can be used to predict tissue prestretch in a wide variety of other
soft biological tissues.
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Chapter 4
A bioreactor to identify the driving

mechanical stimuli of tissue growth and
remodeling

Tissue growth and remodeling are essential processes that should ensure long-term function-
ality of tissue engineered constructs. Even though it is widely recognized that these processes
strongly depend on mechanical stimuli, the underlying mechanisms of mechanically induced
growth and remodeling are only partially understood. It is generally accepted that cells sense
mechanical changes and respond by altering their surroundings, by means of extracellular
matrix growth and remodeling, in an attempt to return to a certain preferred mechanical
homeostatic state. However, the exact mechanical cues that trigger cells to synthesize and
remodel their environment remain unclear. To identify the driving mechanical stimuli of
these processes, it is critical to be able to temporarily follow the mechanical state of de-
veloping tissues under physiological loading conditions. Therefore, a novel ”versatile tissue
growth and remodeling” (Vertigro) bioreactor was developed that is capable of tissue culture
and mechanical stimulation for a prolonged time period, while simultaneously performing me-
chanical testing. The Vertigro’s unique two-chamber design allows easy, sterile handling of
circular 3D TE constructs in a dedicated culture chamber, while a separate pressure chamber
facilitates a pressure-driven dynamic loading regime during culture. As a proof-of-concept,
temporal changes in the mechanical state of cultured tissues were quantified using nondestruc-
tive mechanical testing by means of a classical bulge test, in which the tissue displacement
was tracked using ultrasound imaging. To demonstrate the successful development of the
bioreactor system, compositional, structural, and geometrical changes were qualitatively and
quantitatively assessed using a series of standard analysis techniques. With this bioreactor
and associated mechanical analysis technique, a powerful toolbox has been developed to quan-
titatively study and identify the driving mechanical stimuli of engineered tissue growth and
remodeling.

This chapter is based on:
MAJ van Kelle∗, PJA Oomen∗, JA Bulsink, WJT Janssen–van den Broek, RGP Lopata, MCM Rutten,
S Loerakker, CVC Bouten. (2017) A Bioreactor to Identify the Driving Mechanical Stimuli of Tissue
Growth and Remodeling. Tissue Engineering Part C: Methods 23, 377–387.
∗ These authors contributed equally to this work
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4.1 Introduction

Cardiovascular tissues are known to adapt in response to changes in their environment
through growth (synthesis of new matrix components) and remodeling (reorganization of
existing matrix). While the underlying mechanisms that govern growth and remodeling are
not completely understood, it is well accepted that they are at least partly driven by me-
chanical cues. Cells residing in these tissues are capable of sensing mechanical cues, and as
a response regulate their own behavior (e.g. proliferation) and the surrounding matrix by
growth (increase in tissue mass) and remodeling (changes in tissue structure). It is believed
that these processes occur to maintain a cell-mediated mechanical homeostasis (Hoffman
et al, 2011; Humphrey et al, 2014a). Yet, the mechanisms through which this mechanical
homeostasis is maintained remain largely unknown. An improved knowledge of these mech-
anisms is key to better understand pathologies where adverse growth and remodeling occur,
such as dilated and hypertrophic cardiomyopathy (Frey and Olson, 2003), valvular disease
(Fisher et al, 2013; Farrar et al, 2016), and aneurysm formation (Martufi and Gasser, 2012;
Humphrey et al, 2015). Moreover, a fundamental understanding of growth and remodeling
is essential in the fields of regenerative medicine and tissue engineering.

In order to unravel the mechanisms of growth and remodeling, a systematic investigation
of the underlying processes and associated mechanical parameters is required. To this end,
bioreactor systems are valuable for studying the response of soft tissues to mechanical stimuli
at the cellular and the tissue level. Initially, bioreactor systems were developed to study the
effects of mechanical stimuli under static conditions (Farrar et al, 2016; Legant et al, 2009;
van Vlimmeren et al, 2011; Hu et al, 2009). As cardiovascular tissues are mainly exposed
to dynamic loading conditions, other bioreactors applied dynamic deformation to the tissue
engineered (TE) constructs (Engelmayr et al, 2003; Merryman et al, 2007; Humphrey et al,
2008; Kortsmit et al, 2009; Gould et al, 2012; Rubbens et al, 2009). For example, Rubbens
et al. and Gould et al. applied cyclic strain to study the remodeling of 3D TE constructs
(Gould et al, 2012; Rubbens et al, 2009). Moreover, Engelmayr et al (2003) tested different
scaffold candidates for heart valve tissue engineering by designing a bioreactor capable of
applying cyclic flexure and laminar flow. In addition, several strain-driven bioreactors have
been proposed applying physiological mechanical and electrical stimulation to cardiac tissues
(Stoppel et al, 2016). Finally, Kortsmit et al (2009) introduced a bioreactor with a feedback
system, to attain a constant maximal deformation while culturing TE heart valves in vitro.
Yet, for cardiovascular tissues in vivo deformation is mainly governed by hemodynamic flow
and pressure, which are known to play an important role in tissue growth and remodeling
(Humphrey, 2008). To incorporate hemodynamic loading, Shaikh et al. and Hollweck et al.
mimicked in vivo loading conditions, by using pulsatile bioreactors that applied physiological
pressures to TE constructs (Hollweck et al, 2011; Shaikh et al, 2010).

The previously mentioned bioreactors lacked two main features to study mechanically-driven
growth and remodeling over time. First, these systems were not capable of tissue culture
and mechanical stimulation for a prolonged time period, while simultaneously performing
mechanical testing. Consequently, changes in the mechanical state of tissues with time could
not be assessed for individual samples. Moreover, these systems did not retain a (dynamic)
pressure during culture, which resembles the physiological load of many, primarily cardio-
vascular, tissue types, and can lead to a different adaptation mechanism of these tissues
compared to displacement-controlled mechanical stimulation. Particularly, when applying a
constant pressure during culture, the strain will not necessarily remain constant over time.
Consequently, a strain-driven bioreactor may not capture the in vivo loading conditions and
hence growth and remodeling phenomena.
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Figure 4.1: (A) The Vertigro bioreactor. (B) Schematic representation of the Ver-
tigro Bioreactor and pressure application system.

The goal of the present study was to design and test a bioreactor that is capable of tis-
sue culture and mechanical stimulation for a prolonged time period, while simultaneously
performing mechanical testing. The bioreactor features a two-chamber design that allows
easy and sterile handling of a TE construct, resembling thin cardiovascular tissues such as
arteries and heart valves, in a dedicated culture chamber, while a second pressure cham-
ber applies a physiologically relevant dynamic pressure regime, regulated by a custom-made
feedback system. A novel non-destructive mechanical testing method is employed, involving
a bulge test which can be performed inside the bioreactor, in which the construct’s cur-
vature is determined by ultrasound (US) imaging. This technique can be used to quantify
temporal changes in tissue mechanical properties, without sacrificing the sample. Additional
microscopy measurements of tissue thickness and prestretch serve to obtain the tissue geom-
etry. Finally, confocal microscopy, histology and biochemical assays allow for determining
tissue composition and architecture.

4.2 Methods

Vertigro bioreactor
The ’versatile tissue growth and remodeling’ (Vertigro) bioreactor consists of two chambers:
a pressure chamber (bottom) and a detachable culture chamber (top) (Fig. 4.4) in which a
TE construct is cultured. This design was chosen in order to have a separate chamber for
sterile tissue culture and medium changes, while the other chamber is dedicated to applying
the dynamic pressure. Both chambers are made of polysulfone (PSU, Röchling, Mannheim,
Germany) and have connection ports fitting standard luer-lock slip tips. After sealing both
chambers with a silicone membrane, the culture chamber is secured on top of the pressure
chamber by means of three metal clamps. In this configuration, the two silicone membranes
form a double membrane connection between the two chambers to ensure the transmission
of pressure from the pressure chamber to the culture chamber.
The pressure chamber is connected to a pump containing a flexible silicone tube, which
can be compressed with pressurized air. A proportional pneumatic valve (Festo, Esslingen
Berkheim, Germany) regulates the inflow of pressurized air, by opening in accordance to
a programmable waveform function, supplied by a multi-IO-card using LabVIEW software
(National Instruments, Austin, TX, USA).

The culture chamber consists of a lower and an upper part, separated by an insert that
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is clamping the tissue construct. Both parts of the culture chamber are filled with culture
medium. The top chamber is closed with a lid that allows free air exchange with the external
environment, required to buffer the pH of the medium. Upon an increase in pressure in the
pressure chamber, the membranes bulge into the culture chamber, pressurizing the tissue
construct. A pressure sensor (P10EZ-1, BD|SENSORS, Thierstein, Germany) is connected
to the lower part of the culture chamber to measure the pressure on the tissue in real-time.

A feedback system was implemented in the LabVIEW framework in order to keep the min-
imal and maximal pressures at preset levels. In case of deviations from this preset level
(±5% tolerance), either the offset (minimal pressure) or the amplitude (maximal pressure)
of a square waveform function are changed accordingly, therefore maintaining a constant
peak pressure during culture. The Vertigros, pressure sensors and pumps can be placed in
an incubator (37C°, 100% RH and 5% CO2), while the proportional air valves, pressure
modules, and other hardware remain outside.

Cell and tissue culture

Tissue constructs were engineered using vascular derived cells, previously characterized as
contractile, matrix-producing myofibroblasts (Mol et al, 2005b), harvested from the hu-
man vena saphena magna according to the Dutch guidelines for secondary use of materials.
Cells were expanded until passage 7 using culture medium containing advanced Dulbecco’s
Modified Eagle Medium (DMEM, Invitrogen, Carlsbac, CA, USA), supplemented with 10%
Fetal Bovine Serum (FBS, Greiner Bio One, Frinckenhausen, Germany), 1% Glutamax (In-
vitrogen) and 1% penicillin-streptomycin (Lonza, Basel, Switserland), with medium changes
twice a week.Prior to seeding, rapidly degrading non-woven polyglycolic acid (PGA) Biofelt
(Biomedical Structures, Warwick, USA, 0.5 mm thickness, 70 mg/cm2 density) was cut to
size to fit inside the inserts. To provide a slow-degrading fixation of the tissue on the edge of
the insert, a polycaprolactone scaffold (PCL, electrospun in-house, thickness 0.25mm) was
cut to the same diameter as the PGA scaffolds, while a circular 13mm cutout was made
in the center. Next, the PGA was coated with poly-4hydroxybutyrate (P4HB, Tepha, MA,
USA) and mounted together with the PCL rings into the bioreactor inserts. The inserts
were then immersed in 70% ethanol for 30 min. After sterilization, the inserts were washed
with PBS and placed in 0.25 mg/ml L-ascorbic 2-phosphate acid (Sigma-Aldrich, St. Louis,
MO, USA) supplemented standard culture medium (TE medium) overnight at 37 C° and
5% CO2. The next day, the cells were seeded onto the scaffolds (15x106 cells/cm3) using
fibrin as a cell carrier (Mol et al, 2005b). Finally, the constructs were cultured statically for
three weeks in 6-well plates in TE medium (which was changed three times a week). After
this period, the constructs were strong enough to be cultured dynamically.

Experimental protocol

To assess bioreactor functionality and to evaluate the proposed analysis techniques, a proof-
of-principle experiment was performed (Fig. 4.2). In this experiment, 20 tissue constructs
were cultured: In the first three weeks these were cultured statically, taking out four samples
at the end of each week. From the remaining eight constructs, four were cultured under
static conditions for one additional week, whilst the other four samples were cultured under
dynamic loading conditions (minimal pressure 0 kPa, maximal pressure 2 kPa, frequency 1
Hz).
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Figure 4.2: Timeline used for proof of concept experiment.

Analysis techniques

Mechanical testing

The bioreactor system was designed to perform mechanical testing via classical mechanical
bulge tests without removing the constructs. A syringe was connected to the pressure cham-
ber and placed in a Harvard pump (PHD2000, Harvard Apparatus, Holliston, MA, USA)
to apply a volume-controlled pressure to the samples. The volume was gradually increased
until a pressure of 2 kPa was reached in the culture chamber. Subsequently, three pres-
sure cycles were performed, of which the first two served as preconditioning cycles. An US
transducer was mounted on top of the bioreactor, perpendicular to the sample surface, in
order to nondestructively measure construct displacement as a function of pressure. Two-
dimensional US imaging was performed with a MyLab70 US system (ESAOTE, Maastricht,
NL), equipped with a linear array (LA523, center frequency of 7.5 MHz). The data were
exported in video format (AVI) at a frame rate of 20 Hz.

To quantify the mechanical behavior of the tissue, the in-plane stress was estimated as
a function of stretch, assuming tissue isotropy. Tissue stretch was determined from the
frames of the US movies (resolution 21.5 px/mm) using a custom MATLAB script (Math-
Works, Natick, MA, USA). In particular, for each frame, the tissue profile was detected using
MATLAB’s built-in edge detection function, through which a circle was fitted in the center
region. The constrained tissue length L0 at zero pressure and current tissue length L in each
consecutive frame were then obtained by calculating the circle’s arc length. Additionally,
tissue elongation, defined as the relative change of constrained length during culture time,
was calculated as L0 (at 0 pressure) divided by the initial construct diameter (15.0 mm).
The in-plane stretch due to bulging λ = L/L0 was then calculated as the change in length
from the initial constrained sample length L0 at zero pressure. Accounting for the presence
of cell-induced tissue prestretch λp (see next Section), a multiplicative decomposition was
used to calculate the total elastic in-plane tissue stretch λe:

λe = λλp (4.1)
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To estimate the mechanical state of the tissue, the Tension T and Cauchy stress σ in the
in-plane direction of the construct were calculated using Laplace’s law for a thin-walled shell:

T =
p

2κ
σ =

p

2κt
(4.2)

with p the pressure, κ the curvature and t the deformed sample thickness. The curvature
was calculated as the inverse of the fitted circle’s radius. The deformed tissue’s thickness
was derived from the measured thickness t0 and in-plane elastic stretch, assuming tissue
isotropy and incompressibility:

t =
t0
λ2
e

(4.3)

Prestretch
Tissue prestretch was measured by calculating the change in surface area upon releasing
the tissue constraints. Nine circular markers were placed in a 3x3 rectangular grid on each
construct and positions were tracked using a high-resolution digital microscope (VHX-500,
Keyence, Itasca, IL, USA) at a resolution of 100 px/mm and 20x magnification. Subse-
quently, tissues were released from their constraints by dissecting them from the sample
holder using a cork borer with a diameter of 13.0 mm and a second image was recorded
immediately. The surface area spanned by the markers was calculated for both images us-
ing a semi-automatic custom MATLAB script. The amount of tissue prestretch was then
calculated in terms of surface area change, defined as the unconstrained surface area divided
by the constrained surface area. The surface area change equals the squared length change
λp, used in the previous section.

Thickness
After the prestretch measurements, all constructs were cut in half. Three high-magnification
(100x) images using the VHX-500 digital microscope were taken perpendicular to the cutting
edge of one of the two halves, with the three positions coinciding with the three markers
that were placed at the sample cutting edge for the prestretch measurements. Using the mi-
croscope’s complimentary software, the thickness t0 was manually determined at 5 positions
in each image.

Collagen Orientation
The tissues were stained with CNA35 (Boerboom et al, 2007) to enable collagen visualiza-
tion. After a 1-hour incubation period, constructs were visualized using a confocal laser
scanning microscope (TCS SP5X, Leica Microsystems, Wetzlar, Germany) with complimen-
tary software (Leica Application Suite Advanced Fluorescence). A tile scan (magnification
10x, excitation 488 nm, emission 520 nm) was made to capture the gross collagen architecture
of the entire tissue. Collagen fiber orientation was quantified by analyzing the individual
images of each tile scan, using a custom MATLAB script, based on the work of Frangi et al
(1998). For each tile scan, a histogram containing the fiber fraction per angle was obtained.

Histology
Constructs were fixed in 3.7% formaldehyde overnight, and subsequently embedded in paraf-
fin and sectioned into slices of 7 µm. The slices were stained for Glycosaminoglycans (GAGs)
and collagen using Alcian blue (AB) and Picosirius red (PR), respectively. The stained
sections were imaged using a brightfield microscope (Axio Observer Z1, Zeiss, Oberkoch,
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Figure 4.3: (A) Bioreactor insert with clamped scaffolds prior to seeding. (B) TE
construct after 4 weeks of culture.

Germany) equipped with filters to provide polarized light illumination. Additionally, a flu-
orescent co-staining for collagen type 1, αSMA and cell nuclei was performed and visualized
using an Axiovert 200M microscope (Zeiss).

Biochemical assays
Half of each construct was lyophilized overnight and subsequently digested using a papain
digestion buffer at 60 C◦ for 16 hours. The total tissue dry weight was determined before
and after digestion. Tissue GAGs were quantified using an adapted version of the protocol
by Farndale et al (1986), together with a standard curve derived from chondroitin sulfate
from shark cartilage (Sigma-Aldrich). Using the Hoechst dye method (Cesarone et al, 1979)
and a standard curve of calf thymus DNA (Sigma-Aldrich), the total DNA content was
quantified. Finally, the total hydroxyproline content, a measure for the amount of collagen,
was determined with a modification of the assay by Huszar et al (1980) and a standard curve
derived from trans-4-hydroxyproline (Sigma-Aldrich). Protein amounts were normalized
with respect to the total tissue dry weight before digestion.

4.3 Results

Tissue culture in the Vertigro bioreactor
All statically cultured tissues endured the entire culture period up to 4 weeks (Fig. 4.3).
Throughout dynamic culture, the feedback system successfully applied and maintained the
preset maximal and minimal pressures to the TE constructs (Fig. 4.4). However, 2 out of 4
constructs that were cultured under dynamic loading conditions ruptured.

Mechanical Testing
The tissue profile was successfully tracked via ultrasound imaging (Fig. 4.5). Also, the me-
chanical tests were performed for all four samples in week 3, showing similar tension-pressure
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Figure 4.4: (A) 5 Loading cycles of the TE constructs for a preset pressure of 2
kPa and a frequency of 1Hz. (B) Average maximal pressure over a time period of 5
seconds, in between medium changes.

Figure 4.5: Ultrasound B-modes images of a 3-week-old sample in the (A) initial
and (B) deformed configuration. The sample profile was tracked (green dots) and a
circle was fitted to the center region (red) to estimate the curvature.

relationships (Fig. 4.6A) and nonlinear stress-stretch behavior in all samples (Fig. 4.6C).
During week 4, testing of two statically cultured constructs failed due to sample leakage and
the presence of a fold in the tissue construct, respectively. The two successfully measured
samples showed similar tension-pressure and stress-stretch behavior, featuring a higher ex-
tensibility and lower stiffness compared to week 3 (Fig. 4.6B,D). For 1 of the 2 dynamically
cultured samples, the ultrasound signal was too weak to be processed, potentially due to
the low thickness of this sample. A nonlinear stress-stretch curve was observed for the
successfully measured sample (Fig. 4.6D).
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Figure 4.6: Tension-pressure relations at (A) the end of 3 weeks of static culture
in four samples and (B) after 4 weeks static culture and after 3 weeks static + 1
week dynamic culture. Non-linear stress-stretch curves of 3-weeks statically cultured
tissue samples (C) after 4 weeks of static culture and (D) after 3 weeks static + 1
week dynamic culture.

Elongation
Comparing tissue elongation (constrained tissue length at 0 pressure divided by initial con-
struct diameter), there was a clear difference between the statically and dynamically cultured
samples. Where the static sample tissue length was similar to the initial construct diameter
(1.01±0.01), the dynamic samples did show elongation (1.07±0.00) (Fig. 4.7A).

Prestretch
Tissue prestretch was hardly observed after one week of static culture (1.01±0.01) but in-
creased with static culture time. At week 4, the area prestretch was slightly higher for
the dynamically cultured samples (1.09±0.01), compared to the static samples (1.07±0.01)
(Fig. 4.7B).
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Figure 4.7: (A) Tissue elongation at 0 pressure at 4 week for statically and dy-
namically cultured samples; (B) prestretch development in the TE construct; and
(C) Thickness (µm) development of the TE constructs during culture. All data is
represented as mean value of all samples on the specific timepoint ± SEM.

Thickness
From the original scaffold thickness of 500 µm, tissue thickness decreased more than 50%
within the first week of culture to 226±48 µm (Fig. 4.7C). Subsequently, tissue thickness
further decreased to a value of ∼150 µm after which only minor changes occurred.

Collagen Orientation
After staining with CNA, collagen fibers could be clearly observed in the tissue samples
(Fig. 4.8A). Analysis of the fiber architecture showed an in-plane fiber distribution with no
clear preferred directionality, for all tissue samples, for the entire culture period (Fig. 4.8B-
F).

Histology
The AB and hematoxylin (Fig. 4.9A-E) and PR red (Fig. 4.9F-J) staining show homoge-
neously distributed cells, GAGs and collagen fibers in all tissues. The collagen fibers were
mainly aligned in the tissue plane and, with time, collagen fibers were observed to become
thicker (Fig. 4.9K-O). Finally, the fluorescence images (Fig. 4.9P-T) show vast amounts of
�SMA-positive cells (green), indicating the presence of contractile cells.

Biochemical Assays
The total tissue dry weight of the statically cultured samples appeared relatively constant
with culture time (Fig. 4.10A). However, since the amount of PGA scaffold decreases with
time, these results indicate an increase in tissue mass with time. At week 4, the dynamically
cultured samples appeared to have a lower dry weight compared to the statically cultured
samples. Both the dry weight content of GAGs and hydroxyproline increased with time
(Fig. 4.10B and C). The dynamically cultured samples contained a higher fraction of GAGs,
and a slightly lower fraction of hydroxyproline compared to the static samples at week 4.
The concentration of DNA increased up to week 3, and marginally dropped in week 4 for
the static samples and more considerably for the dynamic samples (Fig. 4.10D).

54



4.3. Results

Figure 4.8: (A) Representative CNA stained sample showing the directionality of
the collagen fibers. This particular sample was culture statically for 2 weeks, where
the collagen was stained in green. (B-F) Histograms showing collagen fiber fractions
for each orientation for the entire sample.
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Figure 4.9: Representative histology images from all weeks (week 1-4 on the first
4 rows, the final row represents the dynamically cultured samples at week 4). (A-E)
AB, (F-J) brightfield PR, (K-O) polarized light PR, and (P-T) fluorescence immuno-
staining for collagen (red), cell nuclei (blue) and SMA (green). Scaffold remnants
appear in bright white due to white light reflections (K-O).

4.4 Discussion
In the present study, a novel bioreactor and associated analysis techniques were developed to
systematically investigate the synergy between mechanics and tissue growth and remodeling.
A proof-of-principle experiment was conducted to demonstrate the proposed framework’s
potential.

Vertigro functionality
The Vertigro is a versatile bioreactor capable of dynamically culturing planar TE constructs,
and simultaneously performing mechanical testing. Its unique two-chamber design allows
easy and sterile handling of the tissue construct, while the dedicated bottom pressure cham-
ber attains the pressure application. In addition, although not treated in the present study,
the construct geometry can be easily changed by using removable inserts with different de-
signs to mount tissue constructs with different geometries inside the bioreactor. The design
in which currently rapidly degrading circular PGA scaffold was combined with slow degrad-
ing PCL scaffold, proved to be successful for culturing TE constructs that did not detach
due to developing cell tension during static culture. Finally, the custom-made feedback
system maintained the preset pressures during dynamic culturing, demonstrated here for a
one-week period.
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Figure 4.10: Biochemical assays. (A) Mean total tissue dry weight (white bars),
where the black bars indicate the remaining part of the total weight composed of
PGA scaffold. Dry weight concentration of GAGs (B), Hydroxyproline (C) and DNA
(D) for the statically and dynamically cultured samples.

Tissue composition and architecture
Histological analysis (Fig. 4.9) showed the presence of GAGs, collagen fibers and �SMA
positive cells in the tissue constructs. These findings were quantitatively confirmed by bio-
chemical assays (Fig. 4.40), demonstrating that tissue dry weight remained fairly constant,
where the fraction PGA scaffold was gradually substituted by cell-produced matrix compo-
nents such as collagen and GAGs. Finally, CNA-stained samples confirmed the presence of
vast amounts of isotropically oriented collagen fibers (Fig. 4.8), in line with the homogeneous
pressure application and isotropic boundary conditions and scaffold properties.

Tissue geometry
Besides changes in tissue composition, the geometry of the constructs underwent notable
changes (Fig. 4.3). First, tissue thickness in week 1 was halved compared to the original
scaffold thickness, gradually decreasing to a constant thickness of ∼150µm. The large initial
decrease in thickness is probably due to the high PGA porosity, which decreases immediately
upon seeding. The consecutive decrease in thickness can be attributed to developing cell
contractility that leads to tissue compaction in the unconstrained directions. These results
are in line with the prestretch measurements that show an increase in prestretch with culture
time, corresponding with previous observations (van Vlimmeren et al, 2011) and the �SMA-
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positive cells observed via histology. Besides changes in thickness, the dynamically cultured
samples were longer when constrained compared to their statically cultured counterparts.
However, in contrast to the observed increase in unloaded length, the biochemical assays
showed that the weight of the dynamic samples was lower compared to the static samples.
This phenomenon may be explained by the fact that the amount of GAGs in the dynamic
samples was higher compared to the static samples. The highly polar GAGs retain vast
amounts of water and therefore increase tissue volume, which is not taken into account in
the dry weight measurements.

Tissue mechanics
The bioreactor was designed to not only culture tissue samples for a prolonged time period,
but also to simultaneously perform mechanical testing, by means of a classical mechanical
bulge test (Hayashi, 1993; Avril et al, 2010). This test can be performed non-destructively as
the mechanical test is performed inside the bioreactor itself, while measuring the tissue de-
formation non-destructively using ultrasound. The stress-stretch relationships of all samples
(Fig. 4.6C,D) showed the typical exponential nonlinear behavior featured in collagenous soft
tissues. Furthermore, the prestretch measurements are essential when analyzing the tissue
mechanics: not taking the tissue prestretch into account can lead to a significant overes-
timation of the tissue stiffness, dependent on the degree of prestretch (Rausch and Kuhl,
2013).

Limitations
The use of ultrasound to measure tissue deformation during mechanical testing provides a
great advantage of nondestructive testing. In fact, the suitability of ultrasound imaging to
measure in vitro material functionality was recently demonstrated (Hurtado-Aguilar et al,
2016). Nevertheless, the limited spatial resolution of the current US system and method
used resulted in inaccuracies in estimating tissue thickness, which was therefore measured
using microscopy in the present study. The spatial resolution can be improved by using
a higher frequency ultrasound transducer and utilize the tracking of raw radio-frequency
signals, allowing for non-destructive determination of tissue thickness, and high-precision
tracking of the tissue (Lopata et al, 2009). Moreover, in the present study the stresses were
estimated using Laplace’s law, which is only valid for true membranes. In order to accu-
rately estimate the mechanical properties in case of thick tissues, the use of an inverse finite
element analysis method is recommended.

All of the 16 statically cultures samples were successfully cultured and analyzed. However,
2 of the 4 dynamically cultured samples failed in week 4. To prevent future loss of samples
during dynamic culture, a smoother pressure gradient could be implemented. Currently, a
square waveform function was used, but a sinoid function would lead to a smoother pres-
sure transition. Additionally, a slow-degrading scaffold, rather than the rapidly-degrading
PGA, can be used to support the tissue, which could shorten the current static culture time
of three weeks that is required before the tissue construct is strong enough to withstand
dynamic pressure.

Conclusions and outlook
In conclusion, a novel versatile bioreactor was developed that offers a potent platform to
unravel underlying mechanisms of tissue growth and remodeling through a systematic anal-
ysis of the influence of, amongst others, scaffold material, cell type and pressure regimens,
on tissue (mechanical) adaptation. An improved knowledge of this process is key to deliver
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insights in pathologies where adverse growth and remodeling occur, and essential in the
fields of regenerative medicine and tissue engineering.

This versatile framework allows for tissue culture and pressure-driven mechanical stim-
ulation under hemodynamic loading while simultaneously performing mechanical testing
without sacrificing samples. This allows for the monitoring of tissue samples with time and
as such has great potential for investigating mechanically-induced growth and remodeling.
Due to the versatile setup of the two-chamber bioreactor, - permissive of sterile handling
while maintaining dynamic pressure profiles - many different physiological situations can be
studied in a well-controlled in vitro environment. This allows for a systematic investigation
of how mechanical stimuli affect tissue adaptation, for example by changing the pressure
regime, degree of tissue anisotropy, scaffold material, and construct geometry. To demon-
strate the successful development of the bioreactor system, a wide range of standard analysis
techniques was employed to analyze the developing tissue constructs. In future studies, the
current set of techniques can be extended with e.g. an inverse finite element method to
accurately estimate the evolution of the mechanical properties.
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Chapter 5
Initial scaffold thickness affects the

emergence of a geometrical and mechanical
equilibrium in engineered cardiovascular

tissues

In situ cardiovascular tissue-engineering can potentially address the shortcomings of current
replacement therapies. In particular, tissue-engineered prosthesis do exhibit the potential
to grow and remodel. In native tissues, it is widely accepted that physiological growth and
remodeling occurs to maintain a homeostatic mechanical state to conserve its function, re-
gardless of changes in the mechanical environment. A similar homeostatic state should be
reached for tissue-engineered prostheses to ensure proper functioning. For in situ tissue-
engineering approaches obtaining such a state greatly relies on the initial scaffold design
parameters. In this study it is investigated if the simple scaffold design parameter initial
thickness, influences the emergence of a mechanical and geometrical equilibrium state in in
vitro tissue-engineered constructs, which resemble thin cardiovascular tissues such as heart
valves and arteries. Towards this end, two sample groups with different initial thicknesses of
myofibroblast-seeded polycarpolactone-bisurea constructs were cultured for three weeks under
dynamic loading conditions, while tracking geometrical and mechanical changes temporally
using non-destructive ultrasound imaging. A mechanical equilibrium was reached in both
groups, although at different magnitudes of the investigated mechanical quantities. Interest-
ingly, a geometrically stable state was only established in the thicker constructs, while the
thinner construct’s length continuously increased. This demonstrates that reaching geometri-
cal and mechanical stability in tissue-engineered constructs is highly dependent on functional
scaffold design.

This chapter is based on:
MAJ van Kelle∗, PJA Oomen∗, WJT Janssen–van den Broek, RGP Lopata, S Loerakker, CVC Bouten.
(2018) Initial scaffold thickness affects the emergence of a geometrical and mechanical equilibrium in
engineered cardiovascular tissues. J. R. Soc. Interface 15(148), 359
∗ These authors contributed equally to this work
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5.1 Introduction

Cardiovascular diseases remain the leading cause of death worldwide. If the many therapies
that are available to alleviate, or slow down these diseases, fail, prostheses are available to
replace end-stage diseased cardiovascular tissues. Autologous, bioprosthetic, and synthetic
prostheses are widely used for replacing diseased arteries and heart valves, yet repetitive
surgery is often required due to postoperative complications such as calcification, infection
and aneurysm formation (O’Hara et al, 1986; Fernandez et al, 1989; Suma, 1999; Kannan
et al, 2005; Pibarot and Dumesnil, 2009). Moreover, the lack of growth and remodeling
capacity of artificial prostheses may necessitate multiple re-operations for pediatric patients
(Ackermann et al, 2007; Lee et al, 2011), resulting in a lower life expectancy and quality of
life (Puvimanasinghe et al, 2001).

Tissue engineering can potentially address the shortcomings of current cardiovascular tissue
replacements, in particular their inability to grow and remodel. Tissue engineering aims to
create autologous tissue replacements from biodegradable materials (Roh et al, 2010; Dijk-
man et al, 2012). Previous studies have already shown that tissue-engineered (TE) vessels
and heart valves prostheses have the potential of growth and remodeling. For instance, Ho-
erstrup et al (2006) implanted TE vascular grafts in the pulmonary artery of a growing lamb
. While the animal’s weight increased twofold during a two-year follow-up period, the graft
diameter (30%) and length (45%) increased significantly. More recently, a similar animal
model was used to demonstrate that decellularised vascular grafts show a similar trend, with
the diameter increasing with 56% upon a 366% increase in animal body weight. Neo-tissue
formation was found in all of the explanted grafts (Syedain et al, 2016), thus eliminating
dilation as the only cause of increased diameter. Finally, Kluin et al (2017) obtained a fully
functional TE heart valve with mature and stable tissue formation after 12 months, using
an in situ implanted, slow-degrading scaffold .

To date, our understanding of growth and remodeling in engineered tissues remains incom-
plete. In native tissues, physiological growth and remodeling is widely believed to occur in
order to maintain a certain homeostatic mechanical state (Fung, 1990; Hoffman et al, 2011;
Humphrey, 2008; Humphrey et al, 2014a). Through this principle, tissues can maintain their
function regardless of changes in their mechanical environment. Several mechanical quanti-
ties have been proposed to determine mechanical homeostasis across different cardiovascular
native tissues, including stretch (Chaput et al, 2008; Oomen et al, 2016), stress (Taber and
Humphrey, 2001; Humphrey et al, 2009; Valentin et al, 2009), strain energy density (Cyron
and Humphrey, 2014; Vigliotti et al, 2016), and stiffness (Bellini et al, 2017; Ferruzzi et al,
2016).

Interestingly, it appears that in previous studies no mechanical homeostasis may have been
established in TE prostheses. Despite promising early results, adverse growth and remod-
eling of TE prostheses have led to geometrical instabilities, i.e. aneurysm formation in TE
vascular grafts (L’Heureux et al, 2006; McAllister et al, 2009; Khosravi et al, 2016), and
leaflet shortening in TE heart valves that causes valvular insufficiency (Schmidt et al, 2010;
Driessen-Mol et al, 2014; Reimer et al, 2017a). We believe that the scaffold design of (in
situ) TE prostheses is crucial to obtain and maintain mechanical and geometrical homeosta-
sis. Many design parameters can be tuned when producing scaffolds for tissue engineering,
for instance: scaffold thickness, porosity, fiber alignment, fiber diameter, compliance, degra-
dation rate, and polymer composition. All of these parameters influence the mechanical
properties of scaffolds, and can therefore influence growth and remodeling and subsequently
the establishment of homeostasis. Previously, both in vivo (Wissing et al, 2017) and in silico
(Miller et al, 2015) models have been used to assess the influence of scaffold properties on
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growth and remodeling in TE prostheses. Most recently, Best et al (2018) clearly demon-
strated in an in vivo study that decreasing the scaffold thickness to diameter ratio positively
affects long-term growth and remodeling of TE vascular grafts.

In the current study, we aim to determine and understand the effects of initial scaffold
thickness on establishing a geometrical and mechanical equilibrium in thin engineered car-
diovascular tissues, such as heart valves and arteries. To this end, a recently developed in
vitro bioreactor (van Kelle et al, 2017) was used to culture two groups of TE cardiovascular
constructs with different initial thicknesses (relevant for cardiovascular tissue engineering),
under the same dynamic loading conditions. In order to investigate whether geometrical
and/or mechanical equilibrium was established in the TE constructs, temporal changes in
tissue geometry and mechanical state were quantified at several time points during devel-
opment, by means of nondestructive ultrasound imaging and inverse analysis (Oomen et al,
2017). At the end of culture, the TE constructs’ composition and structure were determined
by biochemical assays, histology and in-plane collagen organization.

It was found that a mechanical steady state was reached for both sample thicknesses, al-
though at different magnitudes of the investigated mechanical quantities (strain, stress,
strain energy density, and tangent). A stable geometrical situation was only reached in the
thicker samples, while the thinner constructs continued to elongate. This result indicates
that obtaining a geometrically and mechanically stable state in tissue-engineered constructs
is highly dependent on functional scaffold design, in this particular case the initial scaffold
thickness.

5.2 Methods

Scaffold production
Two supramolecular scaffold sheets with respective thicknesses of 0.31 ± 0.01 and 0.47 ±
0.01 mm were produced in-house via electrospinning. Polycarpolactone-bisurea (PCL-bu)
polymer (Wisse et al, 2006) (SyMO-Chem, Eindhoven, The Netherlands) was dissolved in
chloroform to a 15 wt% concentration and electrospun in a climate-controlled electrospinning
cabinet (IME Technology, Geldrop, Netherlands). The cabinet was equipped with a 14G
nozzle (flow rate of 55 µL/min) and a distance of 16 cm between nozzle and the grounded
target drum (0.31×12.0 cm), rotating at 100 rpm was used. The climate chamber was set
to 23◦C, 30% relative humidity, and a voltage of 15 kV was applied to the nozzle. After
spinning, the two sheets were dried overnight under vacuum at room temperature. Each
sheet was inspected with scanning electron microscopy. Additionally, the thickness of the
sheets was assessed using a VHX-500 Keyence digital microscope.

Scaffold mechanical (fatigue) testing
Fatigue tests were performed on the bare scaffold materials, using an ElectroForce LM1
TestBench by BOSE equipped with 5 N load cells. Two rectangular samples (15×6.5 mm)
were cut from each sheet, which were uniaxially stretched for 1.8 million cycles (equal to
21 days of dynamic culturing, see Section 5.2) with increasing maximum actuator displace-
ments of 5, 10, 15, and 20% of the initial sample length. Every displacement stage consisted
of two periods of 225,000 sinusoid displacement cycles at 10 Hz, each followed by a rest pe-
riod of equal duration to cyclic displacement (22,500 seconds). During testing, the samples
were submerged in a physiological salt solution at 37◦C. From this test, the peak first Piola-
Kirchhoff stresses were calculated from the force acting on the load cells as a function of time.

63



Chapter 5

Figure 5.1: Schematic representation of the Vertigro bioreactor and pressure appli-
cation system. Source: van Kelle et al (2017), Copyright: Mary Ann Liebert, granted
permission for reprint.

Uniaxial tensile tests of the scaffolds were performed before and after fatigue testing on
a BioTester (CellScale, Waterloo, Canada). The samples were stretched to 115% of the ini-
tial length with a strain rate of 100%/min for 10 cycles, of which the first 9 were considered
pre-conditioning. During testing, the samples were again submerged in a physiological salt
solution at 37◦ C. The force was measured by a 1.5 N load cell, and images were taken by
a CCD camera mounted perpendicular to the sample surface. All data were collected with
a sampling frequency of 5 Hz. Again the first Piola-Kirchhof stresses were calculated from
the force data. The in-plane sample stretches were obtained from the images using a global
digital image correlation algorithm (Neggers et al, 2012b).

Tissue culture in bioreactor
To culture TE constructs, the ‘versatile tissue growth and remodeling’ (Vertigro) bioreactor
(van Kelle et al, 2017) was utilized (Figure 5.1). Inside this bioreactor a circular insert
with a diameter of 15mm containing a cell-seeded construct can be placed which is then
consecutively cultured under pressure-driven dynamic loading conditions. Regardless of
geometrical and mechanical changes in the construct, the applied pressures were maintained
by a custom LabVIEW (National Instruments, Austin, USA) program.
The electrospun PCL-bu scaffolds (Section 5.2) (both n=8) were clamped in the inserts and
sterilized using UV-light. Next 0.25 mg/mL L-ascorbic 2-phosphate acid (Sigma-Aldrich, St.
Louis, MO, USA) supplemented standard culture medium (TE medium) was added to the
inserts after which they were placed in an incubator overnight. Primary myofibroblast-like
cells were isolated from human vena saphena samples, according to the Dutch guidelines for
use of secondary materials. These cells exhibit a contractile phenotype, and are known to
produce abundant amounts of extracellular matrix (Mol et al, 2005b), making them ideal
for cardiovascular tissue-engineering. The cells were cultured in advanced Dulbecco’s Mod-
ified Eagle Medium (Invitrogen, Carlsbac, CA, USA), supplemented with 10% Fetal Bovine
Serum (Greiner Bio One, Frinckenhausen, Germany), 1% Glutamax (Invitrogen) and 1%
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penicillin/streptomycin (Lonza, Basel, Switserland) which was changed twice per week. At
passage 7, the cells were harvested and seeded on the PCL-bu scaffolds using a seeding
density of 15 million cells/cm3 using fibrin as a cell carrier (Mol et al, 2005b). After seed-
ing, TE medium was added to the constructs which were then statically cultured at 37°C,
100% humidity and 5% CO2 to allow for initial tissue development. After this period, the
inserts containing the constructs were placed in the bioreactor and cultured for 21 days at
a dynamic loading regime with a maximum pressure of 4 kPa at 1 Hz.

Nondestructive geometrical and mechanical characterisation
during culture
Changes in tissue geometry and mechanical state were nondestructively characterized at day
0, 3, 7, 14, and 21 of dynamic culturing. At each time point, a 12 MHz linear ultrasound
transducer (LA435) connected to a MyLab 70 Ultrasound system (Esaote Europe, Maas-
tricht, Netherlands) was positioned on top of the bioreactor, perpendicular to the construct
surface and aligned with the centre of the construct. The transducer was positioned at the
same location as during previous measurements. To prevent infections during culture, the
measurements were performed inside a laminar air flow cabinet, with the ultrasound probe
contained in a sterile probe cover (Civco, Coralville, IA, US). To assess the construct thick-
ness, raw radio-frequency (RF) data were acquired without applying any pressure. From
this data the thickness was determined in approximately 20 locations using MATLAB´s
(Mathworks, Natick, MA, USA) findpeaks algorithm, of which the median thickness was
used as initial construct thickness t0. Next, a mechanical test was performed during which
a pressure (p) of 4 kPa (the same maximal pressure used during dynamic culturing) was
gradually applied to the constructs, while imaging the constructs deformation with the ul-
trasound scanner. Three pressure cycles were applied in each test, of which the first two were
considered as preconditioning. The pressure was measured by a pressure sensor (P10EZ-1,
BD|SENSORS, Thierstein, Germany). The constructs’ geometries were assumed to be ax-
isymmetric and their mechanical properties isotropic, hence one measurement in any given
direction was assumed to be representative for all other directions. The sample profile as
a function of pressure was tracked in the B-mode images (frame rate 25 Hz, resolution 21
px/mm) using a custom MATLAB script (Oomen et al, 2017). First, the two attachment
points of the constructs were determined, after which for each frame the tissue apex was
manually selected. A circle was subsequently fitted through the attachment points and the
apex to describe the tissue profile. This profile was used to calculate the construct curvature
k and current length L. The unloaded construct length L0 was defined at p = 0, and the
construct stretch during pressure application as λ = L/L0.

Mechanical properties and mechanical state during culture
Constitutive model
The material behavior of the TE constructs was modelled by a hyperelastic fiber-reinforced
constitutive model, where the Cauchy stress σ was obtained from a strain energy density
function Ψ as a function of a set of material parameters ξ:

σ =
2

J
F · ∂Ψ(ξ)

∂C
· FT (5.1)

with F the deformation gradient tensor, C = FT · F the right Cauchy-Green deformation
tensor and J = det(F) the Jacobian. The strain energy density function consisted of an
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isotropic matrix part m and anisotropic fibrous part f with fiber volume fraction Φf , arbi-
trarily set at 0.5 (Driessen et al, 2007):

Ψ = (1− Φf )Ψm +ΦfΨf (5.2)

The constitutive behavior of the isotropic matrix was described by a Neo-Hookean consti-
tutive model,

Ψm =
κ

2
ln2(J) +

µ

2
(I1 − 3− 2 ln(J)) (5.3)

where κ = 2µ(1+ν)
3(1−2ν)

is the bulk modulus, µ the shear modulus, and I1 = C : I the first in-
variant of the right Cauchy-Green deformation tensor. Quasi-incompressibility was enforced
by setting the Poisson ratio at ν = 0.498. The fiber part was modelled as an isotropic
discrete fiber distribution oriented in the plane of the sample (as was also evident from the
histological and microscopic analyses of the constructs). Each fiber i with unit direction
vector ei

f (in the reference configuration) additively contributed (Driessen et al, 2007) to
the total fiber strain energy density function Ψf . The strain energy density function Ψi

f for
each individual fiber i was given by an exponential model (similar to Driessen et al (2007);
Loerakker et al (2013); Oomen et al (2018)):

Ψi
f =

k1
2k2

(
exp

[
k2

⟨
(λi)2 − 1

⟩]
− k2⟨(λi)2 − 1⟩ − 1

)
(5.4)

with k1 and k2 material parameters, (λi)2 = C : (ei
f ⊗ ei

f ) the squared elastic fiber stretch,
and ⟨◦⟩ the Macaulay brackets to enforce that the fibers only resist tension. The ability of
this constitutive model to adequately describe the mechanical behavior of tissue-engineered
constructs was previously demonstrated (Oomen et al, 2017).

Estimation of material properties
From each nondestructive mechanical test, the construct’s profile as a function of pressure
was available at each time point. Using this information, the material properties ξ (here
ξ = [µ, k1, k2]) of the constructs at each time point were determined using a two-step inverse
method that was previously developed (Oomen et al, 2017). In the first step, shell theory
was used to obtain a rapid analytical estimate of the material properties. This estimate
was used as an initial estimate of the second step, where an inverse finite element analysis
was used to obtain a more accurate estimate of the material properties. In this step, the
experiments were simulated by a finite element model in Abaqus FEA (Dassault Systèmes
Simulia Corp., Providence, RI, USA). Only one quarter of the tissue geometry (at p = 0)
was modelled due to symmetry. A uniform pressure was applied to the bottom plane of the
construct, while the nodes on the sample edge were fully constrained. MATLAB’s lsqnonlin
function was utilized to adjust the material parameter set ξ until the difference between the
surface profile as a function of pressure z(p) between the experiment (exp) and the estimate
(est) was minimized. This resulted in the following cost function:

E(ξ) =
1

NpNx

Np∑
j=1

Nx∑
k=1

√
z(pj , xk, ξ)exp − z(pj , xk, ξ)est (5.5)

with Np the number or pressure steps, Nx the number of in-plane positions x along the
tissue profile.

Analysis of the mechanical state
After the material parameter estimation, the strain energy density, the Cauchy stress tensor
and deformation gradient tensor at every node in the central 50% of the construct were
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obtained from the final simulation of the inverse finite element analysis. Subsequently, the
maximum principal stress σmax and its direction nmax were determined. The stretch λmax in
the same direction nmax was then obtained from λmax = 1/

√
B−1 : (nmax ⊗ nmax), with B

the left Cauchy-Green deformation tensor. The local tangent of the principal stress-stretch
curve was determined at p = 4 kPa.

Tissue analysis after culture
After culture (day 21 of dynamic culture), the constructs were cut into three pieces. Two
quarters were fixed in 3.7% formaldehyde and used for histology and collagen orientation
analysis, respectively. The other half of the samples were lyophilized overnight and used to
quantify the amounts of DNA, glycosaminoglycans (GAGs) and hydroxyproline (HYP, as
measure for the amount of collagen).
From each sample, the first quarter was embedded in paraffin and sectioned into slices of
7 µm. The embedded samples were stained for general tissue structure (Hematoxylin &
Eosin (HE)), collagen (Picrosirius red (PR)) and GAGs (Safranin O (SO)). These sections
were imaged under a brightfield microscope (Axio Observer Z1, Carl Zeiss AG, Oberkochen,
Germany), and the PR stain was also imaged using polarized light. In addition, fluorescent
stainings were performed for collagen type III, (Tropo)elastin and a co-staining for collagen
type 1, α-smooth muscle actin (αSMA), and cell nuclei, which all were imaged using an
Axiovert 200M microscope (Zeiss).
The other quarter of the samples was incubated with a collagen-specific CNA35 (Boerboom
et al, 2007) probe for 1 hour, after which the gross collagen organization was imaged via
a tilescan on each side (excitation 488 nm, emission 520 nm, magnification 10x) using a
confocal laser scanning microscope (TCS SP5X; Leica Microsystems, Wetzlar, Germany).
To quantify the in-plane collagen fiber organization, a custom-made MATLAB script was
used (Frangi et al, 1998), which quantifies the fraction of fibers oriented in each in-plane
direction.
Finally, the lyophilized halves of the constructs were snap-frozen and disintegrated using
a Mikro-Dismembrator (Model S, Sartorius, Goettingen, Germany), followed by digestion
using a papain digestion buffer (60°C , 16 hours). The constructs’ total GAG content were
determined using an adapted protocol by Farndale et al (1986), with a standard curve of
chondroitin sulfate (Shark Cartilage, Sigma-Aldrich). A HYP assay was performed (Huszar
et al, 1980) using a trans-4-hydroxyproline (Sigma-Aldrich) standard curve. To obtain a
measure for cellular activity, construct GAG and hydroxyproline content were normalised
to the tissue’s total DNA content, which was determined with the Hoechst dye method
(Cesarone et al, 1979).

Statistics
During the experiment, unfortunately a few samples dropped out due to an infection. For the
thin samples, one sample was excluded during the second week, and two samples in the final
week of dynamic culture. For the thick samples, in both the second and final week one sample
was excluded. This means that all analyses at the end of the experiment were performed
with n=5 and n=6 samples for the thin and thick group respectively. The geometrical and
mechanical measurements of samples before drop-out were still taken into account. All data
are presented as mean value ± the standard error of mean. For the biochemical assay data,
comparisons between groups were made using the Wilcoxon signed-rank statistical test in
MATLAB. The geometrical and mechanical data were analyzed in IBM SPSS Statistics for
Macintosh (IBM Corp., Armonk, NY, USA), using linear mixed model analysis, according to
Duricki et al (2016). This is a statistical approach that accounts for multiple measurements
in the same (in this case) constructs, while accommodating for possible dropout of samples
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during the experiment. Post hoc analyses using Fisher’s least significant difference tests
were used to test for statistical different between adjacent time points within each initial
construct thickness group, and between the two groups at the same time point. Differences
were considered statistically different when p<0.05.

5.3 Results

Geometrical changes during culture
The geometrical changes of the tissue constructs are depicted in Figure5.2. Initially, both
groups started with a tissue length L0 of 15 mm (in accordance with the diameter of the
bioreactor insert) (Figure 5.2a). However, after only 3 days of dynamic culturing the samples
both elongated significantly, where the length of the thinner samples was larger than that of
the thicker samples. This trend continued over time for the initially thinner tissues, while
the thicker construct length did not significantly change with time. At the end of culture,
the length of the tissues of both groups had significantly increased (Figure 5.2e,f) compared
to the start of culture (Figure 5.2c,d). The construct thickness t0 at the start of the dynamic
culturing face was similar to the initial scaffold thickness (Figure 5.2b). Next, both groups
followed a similar trend, where first a significant decrease in thickness was observed up to
day 7, after which the thickness slightly increased again up to day 21.

Construct mechanics during culture
The material parameters of the engineered constructs were successfully estimated during
dynamic culture. Several mechanical constituents were quantified during dynamic culture
in the central 50% of the constructs. The elastic stretch, maximum principal Cauchy stress,
strain energy density, and local tangent at p = 4 kPa in the thin constructs were higher than
in the thick constructs (Figure 6.5). During tissue development, the elastic stretch of the
constructs in the two groups diverged towards significantly different equilibrium states, with
the stretch in the thin constructs slightly increasing and the stretch in the thick constructs
decreasing with time. The strain energy density stabilized during development, with no
significant changes between adjacent time points observed during dynamic culture. The
maximum principal Cauchy stress of the thin samples appeared to decrease with culture
time, while the stress in the thicker samples increased up to day 7, followed by a decrease.
Finally, the tangent in both groups appeared to decrease during development, albeit in the
thick samples after an initial increase and with no significant changes between adjacent time
points. No significant differences were found between the local tangents of the two groups
after the start of dynamic culture.

Bare scaffold features progressive viscoelastic and plastic
deformation
Fatigue tests were performed on both scaffold thicknesses, during which increasing actuator
displacements were applied to stretch the scaffolds (Figure 5.4a). During each actuator dis-
placement stage, the peak First Piola-Kirchhoff stress decreased, which can be attributed
to progressive plastic (permanent) length change of the scaffolds (Figure 5.4c,d). After the
rest period that was applied during each displacement stage, the stress only partially re-
covered to the same magnitude as found before the rest period. This indicates that stress
relaxation occurred during each stage, thus identifying the scaffolds as viscoelastic materials.

Despite the plastic deformation that occurred during fatigue testing, additional uniaxial
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Figure 5.2: Geometrical changes of the constructs during dynamic culture: Changes
in tissue length L0 (a) and construct thickness t0 (b) for starting scaffold thicknesses
of 0.31mm (blue) and 0.47mm (red). Significant changes (p<0.05) between adjacent
time points within the initially thinner and thicker constructs are indicated by * and
$, respectively, while significant differences between the two groups at the same time
point are indicated by #. Representative ultrasound images (with p = 0) of the
thin (c,e) and thick (d,f) constructs at the start (c,d) and end (e,f) of the dynamic
culturing.
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Figure 5.3: Assessment of the constructs’ mechanical state during dynamic cul-
ture. In all constructs, the stretch (a), maximum principal Cauchy stress (b), strain
energy density (c), and tangent of the principal stress-stretch curve at p = 4 kPa
(d) were nondestructively quantified. Significant changes (p<0.05) between adjacent
time points within the initially thinner and thicker samples are indicated by * and
$, respectively, while significant differences between the two groups at the same time
point are indicated by #.

tests performed before and after fatigue testing showed no clear differences in the mechani-
cal behavior between scaffold groups (Figure 5.4b). Both the fatigue and additional tensile
tests indicated that the thin scaffolds were more compliant than the thick scaffolds.

Collagen formation occurs isotropically in-plane
An in-plane isotropically distributed collagen organization was observed on both sides of a
quarter of the engineered constructs (Figure 5.5). Using fiber tracking software, this was
also confirmed quantitatively, as indicated in the histograms of Figure 5.5. When comparing
both sides of the samples, the top part has a more dense collagen fiber network compared
to the bottom part, which contains more thick bundles of fibers.

Layered tissue formation throughout the samples thickness
Figure 5.6 shows representative histological images for the thin (left column) and thick (right
column) samples. Note that the scaffold was still present at the end of the experiment, but
was dissolved due to solvents used during the embedding process. The HE stain showed a
more dense structural organization in the thick samples, compared to the thin samples (a,b).
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Figure 5.4: Mechanical testing of the bare scaffold. First Piola-Kirchhoff stress dur-
ing fatigue testing with increasing actuator displacements (a). Images were captured
before (c) and several hours after (d) fatigue testing, here shown for a sample of
t0 = 0.31 mm. The stress-stretch behavior of each sample was characterized before
(continuous lines) and after (dashed lines) fatigue testing (b).

In addition, a distinct layer formation was present on the top side of both sample groups,
which was also visible in the PR stain (c,d). When polarized light was used to assess the
maturity of the fibers, the bright-red mature fibers were located opposite of this top layer
at the pressurized sides of the samples. α-SMA positive cells were mostly located in the
top layer of the tissue, together with relatively immature collagen type III (g,h,i,j). On the
other hand, some elastin fibers were present on the pressured sides of the samples (Figure
k,l). Finally, GAGs were most abundant in the thicker samples, also evenly distributed
throughout the thickness.

Increased GAG formation in thick constructs
Figure 5.7 shows the results for the biochemical assays performed on the lyophilized samples
at the end of the experiment. The mean DNA content (µgram) for each group is slightly
higher in the thicker samples (Figure 5.7a), these values were used to normalize the total
GAG and HYP content. The constructs’ GAGs per DNA (Figure 5.7b) content was signif-
icantly (p=0.03) higher for the thick samples, while the opposite is true for the amount of
HYP per DNA (Figure 5.7c).

5.4 Discussion

The current study sought to determine in vitro whether a geometrical and/or mechanical
equilibrium state could be reached in engineered cardiovascular constructs depending on
initial scaffold thickness. Towards this end, temporal changes in geometry and mechanical
properties in dynamically cultured constructs were assessed over time using non-destructive
ultrasound imaging.
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Figure 5.5: The top (right) and bottom (left) side of a representative collagen-
stained quarter of one of the constructs. Zoomed-in images are indicated between
the white squares, with below them scanning electron images of the scaffold prior
to seeding. The histograms indicates the fraction of collagen fibers oriented in each
direction for the entire sample.

72



5.4. Discussion

Figure 5.6: Representative histological images of the middle section for the thin (left
column) and thick (right column) samples at t=21 days of dynamic culture, where the
bottom side of all samples coincides with the pressurized side in the bioreactor. a,b)
HE stain showing the general tissue composition, with a distinct layer formation on
the top side of the samples. c,d) PR stain showed general collagen organization (red).
e,f) PR stain visualized with polarized light, depicting relatively mature collagen
fibers (red). g,h) Fluorescent images with α-SMA positive cells in green, cell nuclei
in blue and collagen in red. i,j) Fluorescent stain for collagen type III. k,l) Co-
fluorescent stain for elastin (red) and cell nuclei (blue). m,n) SO stain depicting
GAGs in red. The scale of the images is indicated by the black and white bars
(100µm). (abbreviations: HE: Hematoxylin & Eosin, PR: Picosirius Red, SO: Safarin-
O)
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Figure 5.7: Biochemical Assays: Total DNA content (µgram) (a) GAGs per DNA
(b) and HYP per DNA (c) for initial scaffold thicknesses 0.31mm (white bars) and
0.47mm (black bars).

Geometrical equilibrium is dependent on initial scaffold thickness

In the fatigue tests performed on the bare scaffold material (Figure 5.4) both the thin and
thick samples plastically deformed at all of the applied levels of actuator displacement.
Moreover, the electrospun materials showed viscoelastic behavior, as indicated by the in-
crease in peak First Piola-Kirchoff stress after a period of rest. It should be noted that both
permanent deformation and viscoelastic behavior will probably have the same lengthening
effects in vivo, as the material will never experience an unloaded state.

The cell-seeded scaffolds experienced a similar type of dynamic loading compared the bare
scaffolds, during which lengthening of the sample was compensated by the feedback system
of the bioreactor, in order to maintain a constant peak pressure. As with the bare scaffolds,
construct length increased during dynamic culture, and was dependent on the initial scaffold
thickness (Figure 5.2). Strikingly, the initially thin construct length continued to increase,
whereas the thicker constructs length stabilized after three days of dynamic culture. In the
thin samples, this apparently causes the tissue to continue to dilate, whereas the thicker
samples are able to counteract this lengthening. A possible explanation could be attributed
to the fact that there is more extracellular matrix (ECM) production in the thick samples,
in the form of cell-produced GAGs (Figure 5.7). Moreover, a more dense collagen structure
was observed in the thicker samples (Figure 5.6g,h), which could also explain the stabilizing
lengthening behavior, although this could also simply be caused by the fact that the scaffold
is thicker, therefore leading to lower internal stretches and stresses.

For both the thin and thick constructs the thickness followed similar trends, first decreasing
with culture time up to day 7, after which there was a slight increase in thickness. The initial
thinning can be ascribed to the Poisson effect, as the samples are plastically deformed in
the in-plane directions. The slight thickening of the samples could be a direct consequence
of subsequent tissue formation on top of the scaffold (Figure 5.6), which was also observed
by van Vlimmeren et al (2013) in statically cultured samples containing the same cells, after
four weeks of culture.
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Overall, these results indicate that these electrospun polymer materials, often used for tissue
engineering purposes, experience viscoelastic and plastic behavior, and that different scaf-
fold design parameters can have large implications for reaching a geometrically stable state.
This was also reported by Best et al (2018) who, by merely increasing the initial lumen
diameter in in situ TE vascular grafts, could promote enhanced neointimal tissue formation
and matched the final size of the lumen to that of the native situation. Similarly, this study
demonstrates that the initial thickness of cardiovascular TE grafts can greatly influence the
eventual dimensions of these constructs. In this particular case, a geometrical equilibrium
state was only found for the thicker samples.

Mechanical equilibrium at distinctly different magnitudes
For all mechanical constituents, a clear distinction can be observed between the two sam-
ples groups (Figure 6.5), which can simply be explained by the differences in initial scaffold
thicknesses. For instance, the stretches in both sample groups start at different magnitudes,
and slightly increase and decrease for the thin and thick samples respectively, after which
they seem to reach a steady state. This seems particularly odd, since the unloaded con-
struct length continued to increase in the thinner samples, while it stabilizes for the thicker
samples. Apparently, the tissue stretch in the thinner sample is maintained at a constant
level, although the unloaded state increases over time.

For the thick samples the Cauchy stresses initially increased, followed by a gradual de-
crease. An simple explanation can be found in the trend of the sample thickness over time,
which first decreased, followed by a moderate increase. On the contrary, the thinner samples
follow a similar trend after day 7, but do not show the initial increase in stress. The tem-
poral changes in tangent stiffness for the two groups converge to a similar value at the end
of the experiment, which gives rise to speculation what would happen beyond this time point.

Contrary to earlier findings using this bioreactor system (van Kelle et al, 2017), no pre-
stretch was present in any of the tested samples, although histology revealed the presence
of αSMA positive contractile cells (Figure 5.6g,h). A possible explanation is that in these
experiments, a non-degrading scaffold was used, which impairs cell-mediated contraction of
the tissue construct, or lies in the fact that these cells predominantly reside in the top layer
of the tissue, thus being unable to compact the entire construct.

In these particular experiments, the scaffold seems very important for the mechanical behav-
ior of the constructs (as is the case in the initial phase for many in situ TE applications). In
future experiments, it would be very interesting to see what happens to the tissue mechanical
properties if a more compliant or partially degradable scaffold is used (Niklason et al, 1999,
2010). Finally, knowing the typical loading pattern in these types of constructs can be very
insightful, as this to a great extend determines ECM production and degradation (Ruberti
and Hallab, 2005; Boerboom et al, 2008; Wyatt et al, 2009; Humphrey et al, 2014a).

Tissue composition is similar to the native situation
Although clear differences in mechanical behavior between the two groups were observed,
little differences in tissue composition were found. Apart from a significant increase in the
GAG per number of cells, no significant difference in cell-produced collagen were found. Also
no clear differences could be observed qualitatively between the groups (figure 5.6). Perhaps
culture times in these experiments are too short to give rise to such significant differences,
or the dominant contribution of the scaffold makes the differences in mechanical behavior
not large enough.
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Interesting observations can be made within the tissue samples themselves . First, a clear
top layer is present (Figure 5.6a,b) containing mainly αSMA positive cells, collagen type III
and GAGs (Figure 5.6c,d,g,h). The presence of the latter three components indicates that
this layer is relatively immature, and has probably formed in a later stage of the experiment
(van Vlimmeren et al, 2013). Second, thick bundles of collagen type I (Figure 5.6e,f) and
even traces of elastin (Figure 5.6k,l) are present on the bottom of the samples, implying
that this layer is relatively mature. The existence of these thick bundles of collagen fibers
can also be seen in the CNA-stained images (Figure 5.5, left). Noteworthy is the presence
of elastin (which appears more abundant in the thinner samples compared to the thick sam-
ples), which is rarely observed in similar in vitro experiments (Mol et al, 2009). Finally, when
looking at the gross organization of all the tissue components, they resemble the build-up
shown in some in vivo TE studies. For instance, we found thick bundles of collagen on the
pressurized (bottom) side of our constructs, which coincides with densely organized collagen
fibers found in the fibrosa (pressurized) side of native and TE heart valves. In addition,
elastin was also found on this side of our samples, which is consistent with a recent study
by Kluin et al (2017), who also found elastin bundles mainly on the pressurized pulmonary
side of TE valve constructs. A possible explanation for these similarities in tissue structure
could be attributed to the fact that the loading in the current in vitro experiments is very
similar to the native situation.

Comparison to in vivo studies
Lengthening of implanted vascular grafts, and subsequent aneurysm formation, has been
observed in previous studies (Khosravi et al, 2016; Ong et al, 2017),which could be explained
by a relatively small initial wall thicknesses. On the contrary, a recent study by Talacua et al
(2015) opted for an electrospun PCL scaffold as a vascular graft with a thickness of 0.275
mm, enforced by an additional Gore-tex patch. Over the course of 3 months they reported a
constant lumen diameter, possible caused by the relatively thick combined PCL and Gore-
tex graft. In another study Kluin et al (2017), used a polycarbonate-bisurea valvular graft
with a thickness of 0.4 mm, implanted at the pulmonary position in sheep. In agreement
with our study, at similar loading pressures (3.3 vs 4 kPa) and comparable initial scaffold
thicknesses (0.4 vs 0.47 mm, compared to the thicker group in this study) they also observed
a constant tissue length over time. Moreover, the tissue formation in both studies samples
is very similar, with elastin and thick collagen bundle formation on the pressurized side of
the samples.

Limitations & Future directions
The bioreactor used in this study mimics the pressure loading of (engineered) cardiovascular
structures such as heart valves and arteries. For heart valves, this loading regime closely
resembles the native situation. However, for arteries an axisymmetric, semi-tubular struc-
ture would replicate the construct loading in a more physiological manner. In this particular
case, a relatively simple design parameter as scaffold thickness significantly influenced TE
construct mechanics and geometrical stability. Naturally, other scaffold properties are of
paramount importance to obtain a mechanical and geometrical stable state, for instance the
effect of scaffold degradation during in vitro or in vivo experiments. Moreover, this study
only focused on isotropically organized constructs, while cardiovascular tissues tend to ex-
hibit an anisotropic tissue organization. A future study should focus on inducing anisotropic
loads in the TE constructs, for instance by using an anisotropic scaffold or by altering the
bioreactor insert shape. Finally, varying mechanical properties of scaffolds and other loading
magnitudes could potentially influence experimental outcomes.
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The culture time of the engineered constructs in our bioreactor is currently limited to 35
days, of which 14 days were static culture to allow for initial tissue development before dy-
namic culturing. A recent in vivo study showed that the lumen diameter of tissue-engineered
arterial grafts increased in the first six months after implantation, yet stabilized after 6
months Khosravi et al (2016). This leaves open the possibility that the geometry of our thin
constructs would stabilize beyond the time window used in the current study. However,
such long culture times (months to years) are simply not feasible using an in vitro setup. To
study the long-term geometrical and mechanical stability of tissue-engineered cardiovascular
substitutes, in vivo studies or computational approaches remain the only option.

Conclusion
In this study we sought to elucidate if a simple scaffold design parameters, such as initial
thickness could influence the emergence of a mechanical and geometrical equilibrium state
in in vitro TE constructs. A mechanical steady state was reached in both groups, albeit
at different magnitudes of the investigated mechanical quantities (elastic stretch, Cauchy
stress, strain energy density, and tangent stiffness). A stable geometrical situation was
only established in the thicker samples, while the thinner constructs continuously elongated.
This demonstrates that reaching geometrical and mechanical stability in tissue-engineered
constructs is highly dependent on functional scaffold design.
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Chapter 6
Geometric and mechanical homeostasis in

tissue-engineered cardiovascular constructs
is dependent on the anisotropy of loading

To overcome the drawbacks of current replacement therapies, in situ cardiovascular tissue-
engineering is a potentially promising alternative. An important factor determining the suc-
cess of this therapy is the establishment of appropriate mechanical and geometrical properties
in such constructs following implantation. In order to achieve this, a thorough understand-
ing of tissue adaptation is required. It is widely accepted that tissue adaptation occurs to
establish and maintain a homeostatic mechanical state, in this way preserving tissue func-
tion regardless of changes in the external mechanical environment. Typically, cardiovascular
tissues such as heart valves and blood vessels are dynamically deformed in an anisotropic
manner. In the current study we therefore aim to elucidate the effect of the anisotropy of
loading on tissue adaptation in tissue-engineered constructs, and the potential establishment
of a stable geometric and/or mechanical state. To this end, a bioreactor was used in which
myofibroblast-seeded electrospun scaffolds were cultured under dynamic loading conditions in
vitro. This so-called ’Vertigro’ is compatible with a nondestructive mechanical test during
tissue culture, enabling the monitoring of temporal changes in the geometrical and mechanical
state of a tissue-engineered constructs. In this study, elliptically shaped constructs (alongside
circular controls) were cultured in this bioreactor, thereby facilitating anisotropic deforma-
tion if pressurized. Thereafter, the evolving mechanical and geometrical state of dynamically
cultured constructs was assessed. Solely the anisotropically deformed constructs reached a
mechanical equilibrium, while the isotropically deformed constructs exclusively reached a ge-
ometrically steady state. Additionally, the structure of anisotropically deformed constructs
became primarily anisotropic, while isotropically deformed constructs remained structurally
isotropic. This demonstrates that the anisotropy of loading affects the geometrical and me-
chanical state of tissue-engineered constructs. Because cardiovascular tissues tend to undergo
anisotropic loading patterns, these insights can grant valuable information for the design,
development and clinical translation of cardiovascular tissue engineering strategies.

This chapter is based on:
LHL Hermans∗, MAJ van Kelle∗, PJA Oomen, RGP Lopata, S Loerakker, CVC Bouten. Geometric and
mechanical homeostasis in tissue-engineered cardiovascular constructs is dependent on the anisotropy of
loading. (In preparation)
∗ These authors contributed equally to this work
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6.1 Introduction

On a yearly basis, hundred thousands of people receive grafts as a replacement for chroni-
cally diseased cardiovascular tissues (Yacoub and Takkenberg, 2005; Chlupác et al, 2009).
Usually, such grafts are either bioprosthetic or, in the case of heart valves, mechanical. Even
though both types of prostheses are life-saving, they manifest a number of shortcomings.
Bioprosthetic grafts for instance, have shown structural degeneration and the associated re-
quirement for reoperation in valves (Hammermeister et al, 2000; Oxenham et al, 2003) and
blood vessels (Suma, 1999; Kannan et al, 2005). On the other hand, mechanical grafts are
prone to thromboembolic events, making life-long treatment with anticoagulants inevitable
(Zilla et al, 2008). Moreover, both bioprosthetic and mechanical replacements lack the abil-
ity to grow, repair and remodel in response to changes in their environment. The latter
aspect is particularly cumbersome for pediatric patients, as it requires them to undergo
multiple re-operations (Brown et al, 2012; Alsoufi, 2014), leading to reduced life expectancy
(Puvimanasinghe et al, 2001).

In situ tissue engineering is a promising approach to develop a new generation of cardiovas-
cular grafts, to overcome the aforementioned drawbacks. This concept involves implanting
a synthetic, biodegradable construct that employs the regenerative capacity of the body to
form a living, autologous graft. Hence, these tissue-engineered (TE) grafts are potentially
non-thrombogenic, have off-the-shelf availability and the ability to grow, repair and remodel,
which allows them to adapt as a native tissue would (Mayer, 2001; Yacoub and Takkenberg,
2005). As a result, cardiovascular grafts based on in situ tissue engineering potentially
require no follow-up operations. However, in order to maintain long-term functionality of
TE constructs, appropriate mechanical behavior and geometrical properties must be estab-
lished and maintained following implantation. This has proven to be challenging as was
demonstrated by previous attempts to develop cardiovascular TE grafts; implantations of
TE vascular and valvular grafts were sometimes followed by adverse tissue adaptation, lead-
ing to subsequent aneurism formation in vascular grafts (McAllister et al, 2009; Khosravi
et al, 2016) and leaflet shortening in valvular prostheses (Schmidt et al, 2010; Driessen-Mol
et al, 2014; Reimer et al, 2017b), respectively.

It is generally accepted that mechanical stimuli are important cues in directing tissue adap-
tation, but the underlying mechanisms remain poorly understood. Therefore, it is essen-
tial to further study and understand mechanically-driven tissue adaptation. The generally
adopted hypothesis is that the goal of tissue adaptation is to establish and maintain a
homeostatic mechanical state (Humphrey et al, 2014a), in order to preserve tissue function
regardless of changes in the mechanical environment. Various mechanical quantities have
been proposed which determine mechanical homeostasis across different native tissues, in-
cluding stress (Taber and Humphrey, 2001; Humphrey et al, 2009; Valentin et al, 2009),
strain (Chaput et al, 2008; Oomen et al, 2016), strain energy (Cyron and Humphrey, 2014;
Vigliotti et al, 2016), and stiffness (Bellini et al, 2017; Ferruzzi et al, 2016).

Many cardiovascular tissues, including heart valves and blood vessels, are loaded in an
anisotropic manner (Zhou and Fung, 1997; Billiar and Sacks, 2000). Therefore, we aim to
understand the effect of the anisotropy of loading on tissue adaptation in TE constructs,
and the potential establishment of a stable geometrical and/or mechanical state. Towards
this end, a bioreactor was used in which representative TE cardiovascular constructs are
cultured under dynamic pressure loading conditions in vitro (van Kelle et al, 2017; Oomen
et al, 2017). This system allows for non-destructive mechanical characterization of the con-
structs during culture, so changes over time in the mechanical and geometrical state of TE
samples can be assessed. First, elliptically shaped tissues were developed for this system
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to allow for anisotropic mechanical deformation if pressurized. In order to predict if the
initial mechanical loading patterns within the loaded elliptical tissues are anisotropic, finite
element analysis was performed. Model predictions revealed very distinct stretches between
the main axes of the elliptical constructs. Second, elliptical and circular TE constructs were
dynamically cultured at a peak pressure of 6 kPa for 14 days in the Vertigro bioreactor.
Changes in the geometrical and mechanical state of the constructs were determined at vari-
ous time points using ultrasound imaging and inverse finite element analysis. A mechanically
stable state was found only in anisotropically deformed constructs, while geometric stability
was reserved for isotropically deformed constructs. Finally, after in vitro culture, in-plane
construct collagen fiber orientation was assessed by means of confocal microscopy. It was
found that tissue structural orientation related to the mode of deformation; anisotropically
deformed constructs were structurally anisotropic, while isotropically deformed constructs
maintained an isotropic structure.

In conclusion, this study shows that anisotropy of loading can greatly influence tissue adap-
tation, and the eventual geometric and mechanical state of a TE construct. Especially since
cardiovascular tissues tend to undergo anisotropic loading patterns, these insights can grant
valuable information for the design, development and clinical translation of cardiovascular
TE strategies.

6.2 Methods

Predicting the anisotropy of loading in circular and elliptical
constructs
In the original Vertigro bioreactor (van Kelle et al, 2017), the TE constructs are cultured
in circular inserts. When a pressure is applied, the mechanical loading in these samples
is axisymmetric, hence isotropic in the plane of the tissue. In order to induce anisotropic
loading within these samples, elliptically shaped inserts were developed, where the main axes
had a length of 7.5 mm (v1) and 15 mm (v2) respectively (Figure 6.1B). As a control group,
circular constructs with a diameter (vc) of 12 mm were used alongside the elliptical shapes
(Figure 6.1A). To compare the anisotropy of loading between the circular and elliptical
constructs during pressurization, both shapes were modeled using finite element analyses
in Abaqus FEA (Dassault Systèmes Simulia, Providence, RI, USA). Due to the symmetry
of both shapes, only a quarter of each construct was modeled. Nodes on the outer edge of
the constructs were fully encastered. The constructs were modeled using a fiber-reinforced
material model (Oomen et al, 2017), consisting of an isotropic matrix and a fibrous network
(Equation 6.2-6.5, see section ’Estimation of material properties and mechanical state’). A
pressure of 6.0 kPa was applied from underneath the tissue to simulate mechanical loading
in the Vertigro bioreactor. Next, the stretches along the main axes of the elliptical construct,
and along the diameter of the circular control were compared.

TE construct culture
In total, 16 circular and 16 elliptical TE constructs were used for the experiment. These
constructs consisted of a 0.3 mm thick electrospun PCL-BU sheet clamped in the biore-
actor insert. The same PCL-BU sheet, with an isotropic fiber distribution, was used as
described in chapter 5, section 2. The scaffold was seeded with human vena saphena cells
(HVSCs), which have been previously characterized as contractile, matrix-producing myofi-
broblasts (Mol et al, 2005b). Construct seeding was performed in the same way as described
in Chapter 5: bare scaffolds were mounted in Vertigro inserts and sterilized using UV light.
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Figure 6.1: A) Circular construct with a diameter of 12mm (vc, yellow). B)
Elliptical construct with main axes v1 = 7.5 mm (blue) and v2 =15 mm (red).

Following sterilization, inserts were submerged in 0.25 mg/mL L-ascorbic 2-phosphate acid
(Sigma-Aldrich, St. Louis, MO, USA) supplemented standard culture medium (TE medium)
and placed in an incubator overnight. HVSCs were cultured up to passage 7 in advanced
Dulbecco’s Modified Eagle Medium (Invitrogen, Carlsbad, CA, USA), supplemented with
10% Fetal Bovine Serum (Greiner Bio One, Frickenhausen, Germany), 1% Glutamax (In-
vitrogen) and 1% penicillin/streptomycin (Lonza, Basel, Switzerland). After trypsinization,
the cells were seeded in the sterilized PCL-BU scaffolds at a density of 15 million cells/cm3

using fibrin as a cell carrier (Mol et al, 2005b). To ensure initial ECM formation, all con-
structs were statically cultured for 14 days in TE medium in an incubator at 37◦ C, 100%
relative humidity and 5% CO2, during which medium was changed twice a week. After
static culture, 8 out of the 16 constructs from each group were sacrificed for analysis. The
other 8 constructs were dynamically cultured for 14 days in the Vertigro bioreactor at a
peak pressure of 6 kPa applied at a rate of 1 Hz. In summary, constructs belonged to one of
these four groups; (1) statically cultured circular constructs, (2) statically cultured elliptical
constructs, (3) dynamically loaded circular constructs, and (4) dynamically loaded elliptical
constructs.

Mechanical characterization of dynamically-loaded constructs
Nondestructive mechanical testing

Throughout the period of dynamic culture, constructs were nondestructively mechanically
characterized at day 0, 4, 7, 11 and 14, using a previously developed method by van Kelle
et al (2017) and Oomen et al (2017). Briefly, a 12 MHz linear ultrasound transducer on a
MyLab 70 Ultrasound system (LA435 probe, Esaote, Maastricht, Netherlands) was placed on
top of the Vertigro bioreactor to image the cross-section of the construct along the diameter
vc of the circular constructs and along both the v1 and v2 axes of the elliptical construct.
For each time point, the probe is placed in the same position as the previous measurement.
During ultrasound imaging, constructs were gradually pressurized up to 6 kPa. Afterwards,
ultrasound data were processed using a custom MATLAB (MathWorks, Natick, MA, USA)
script to obtain the constructs’ profile as a function of pressure. First, the two attachment
points in the B-mode images (frame rate 25 Hz, resolution 21 px/mm) of the constructs were
selected. Second, the apex of the tissue was selected manually for each frame. Finally, the
tissue profile was obtained by fitting a circle through the attachment points and the apex.
This profile was used to obtain the construct curvature k and current length L, where the
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unloaded tissue length L0 was defined at p = 0, and the construct stretch during pressure
application was given by λ = L/L0. In case of elliptical constructs, this results in two
profiles from the separate ultrasound measurements, one along the v1 direction and the
other along the v2 direction. These profiles were interpolated by taking the average height
of the apex of each image to obtain one mean profile. Additionally, raw radiofrequency
data were collected from non-pressurized constructs to allow for determination of construct
thickness. This was done by means of MATLABs findpeaks algorithm, where the two largest
peaks were considered the tissue borders. By calculating the distance between these peaks,
construct thickness was determined in approximately 20 locations near the middle of the
constructs.

Estimation of material properties and mechanical state
Having determined the construct’s profile as a function of pressure, the material properties
were estimated via a two-step inverse element method as described in Oomen et al (2017).
In summary, during the first step a rapid initial estimate of the material properties was
made based on membrane theory. In the second step, a full inverse finite element method
was employed to obtain a more accurate estimate. Constructs were modeled using a fiber
reinforced material model consisting of an isotropic matrix and a fibrous network. The
Cauchy stress (σ) was determined via a strain energy density function Ψ as a function of
material parameter set ξ:

σ =
2

J
F · ∂Ψ(ξ)

∂C
· FT (6.1)

with F the deformation gradient tensor, C = FT · F the right Cauchy-Green deformation
tensor and the Jacobian J = det(F). Ψ was split in two components, the matrix part Ψm

and the fibrous part Ψf :

Ψ = (1− Φf )Ψm +ΦfΨf (6.2)
in which the total fiber volume fraction Φf was set at 0.5 (Driessen et al, 2007). The isotropic
matrix part was modeled as a Neo-Hookean material:

Ψm =
κ

2
ln2(J) +

µ

2
(I1 − 3− 2 ln(J)) (6.3)

with bulk modulus κ = 2µ(1+ν)
3(1−2ν)

, shear modulus µ and the first invariant of the right Cauchy-
Green deformation tensor I1 = C : I. To impose quasi-incompressibility, the Poisson’s ratio
ν was set at 0.495. The fibrous components were modeled as a discrete number of fibers
(N) in the plane of the construct. All individual fibers (i) had a vector ei

f0 (equally-spaced
in the reference configuration) that gives its direction within the tissue plane, and a volume
fraction ϕi

f that is described by a Gaussian function;

ϕf = A exp(
−(γi − α)2

β2
) (6.4)

Here, α is the main direction of the fibers, γi the fiber angle with respect to the horizontal
direction v1 (Figure 6.2), and A as a normalization factor which is defined such that the
sum of individual fiber fractions equals Φf . The contribution of each fiber to the total strain
energy was described by an adapted version of the Holzapfel-Gasser-Ogden model (Driessen
et al, 2007), where the total strain energy density of the fibrous component is the sum of
the strain energy density of all individual fibers:

Ψi
f =

k1
2k2

(
exp

[
k2

⟨
(λi)2 − 1

⟩]
− k2⟨(λi)2 − 1⟩ − 1

)
(6.5)
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with material parameters k1 and k2, the squared elastic fiber stretch (λi)2 = C : (ei
f0 ⊗ei

f0)
, and the Macaulay brackets (⟨◦⟩ ) to enforce that the fibers only resist tension. Starting
with the initial estimates from the first step, the lsqnonlin function in MATLAB was used
in the second step to adjust the estimated material parameters (ξ = [µ, k1, k2, β])). After
each adjustment, the simulated profile of the construct was compared with the construct
profile obtained from the nondestructive mechanical testing. This process was repeated
until E, indicating the difference between these two profiles, as a function of pressure (p)
was minimized:

E(ξ) =
1

NpNx

Np∑
j=1

Nx∑
k=1

√
z(pj , xk, ξ)exp − z(pj , xk, ξ)est (6.6)

with the number or pressure steps Np, and Nx the number of in-plane positions x along the
construct profile.

Note that the FE simulations on the circular and elliptical constructs (section ’Predict-
ing the anisotropy of loading in circular and elliptical constructs’) were performed using the
same material model, but with fixed material parameters to resemble the material properties
of an isotropic PCL-BU scaffold: µ = 144,78 kPa, k1 = 13.17·106 kPa, k2 = 2.64·10−5

kPa, and β = 100.0 to enforce an isotropic scaffold fiber distribution.

After the material parameter estimation, the strain energy density, the Cauchy stress tensor
and deformation gradient tensor of the samples were obtained. This was done for every node
in the central 50% from the final simulation of the inverse finite element analysis. Next,
the maximum principal stress σmax and its direction nmax were determined. The stretch
λmax in the same direction nmax was obtained from λmax = 1/

√
B−1 : (nmax ⊗ nmax), with

B = F · FT the left Cauchy-Green deformation tensor. The local tangent of the principal
stress-stretch curve was determined at a pressure of 6 kPa.

Histology

After the experiment, a quarter of each construct was fixed in 3.7% formaldehyde. Next,
each sample was embedded in paraffin and sectioned into slices of 7 µm. For the elliptical
samples, several slices were cut along both the v1 and v1 axes. The embedded samples were
stained for general tissue structure (Hematoxylin & Eosin (HE)), and collagen (Picrosirius
red (PR)) along the thickness. Next, sections were imaged using a brightfield microscope
(Axio Observer Z1, Carl Zeiss AG, Oberkochen, Germany).

In-plane collagen orientation

Another fixated quarter of all constructs at the end of culture was analyzed for the in-plane
collagen fiber orientation. First, each sample was stained (1 hour) for collagen using a
fluorescent CNA35 probe (Boerboom et al, 2007). Second, samples were visualized using
a confocal laser scanning microscope (TCS SP5X; Leica Microsystems, Wetzlar, Germany)
where both tile scans of the top and bottom side were made (excitation 488 nm, emission
520 nm, magnification 10x, up to 60 µm deep). Finally, using a custom MATLAB script the
fraction of collagen fibers oriented in each in-plane direction was quantified (Frangi et al,
1998).
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Day 0 4 7 11 14
Circular constructs 6 6 6 5 7
Elliptical constructs 6 5 8 7 6

Table 6.1: Number of samples for the circular and elliptical constructs per day of
analysis.

Statistics
At the beginning, each group had a sample size of 8 constructs. Unfortunately, some con-
structs detached during either static or dynamic culture. At the end of the experiment, 8
dynamically cultured and 5 statically cultured elliptical and 7 dynamically cultured and 6
statically cultured circular constructs remained. Furthermore, with some of the mechanical
tests, the target pressure of 6 kPa was not reached. These samples were omitted from the
analysis of that particular time point, for an overview of the number of samples per time
point please see table 6.1. Numerical data are presented as the mean ± the standard error of
the mean. The geometric and mechanical data were analyzed using a multiple comparison
procedure developed by Herberich et al (2010) in R 3.5.0 (The R foundation, Vienna, Aus-
tria). With this procedure, no assumptions are necessary regarding the distribution, sample
sizes or variance homogeneity. Differences were considered significant if p ≤ 0.05.

6.3 Results

FE simulations of altered insert shapes
The FE simulations of the elliptical construct clearly show distinct stretches when comparing
the two main directions v1 and v2. Evidently, the stretches are lower in the longer direction
v2, compared to the short axis v1 (Figure 6.2 left and Figure 6.3). In contrast, the circular
control group shows an isotropic in-plane distribution of the stretches when pressurizing the
constructs (Figure 6.2 right).

Figure 6.2: Stretches at 6 kPa along the main axes v1 and v2 of an elliptical (left)
and circular construct (right). The stretches in the elliptical construct are different
along both directions, while for the circular construct the stretches are equal for both
orthogonal directions.
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Figure 6.3: Cauchy stress versus stretch in the v1 and v2 direction of an elliptical
construct, and along the arbitrary vc direction of the circular samples. All constructs
have a thickness of 0.3 mm and were pressurized at 6 kPa.

Geometrical changes during culture
Initially, elliptical inserts measured 7.5 mm and 15 mm along the v1 and v2 axes, re-
spectively, and 12 mm in diameter (vc) for the circular inserts. During dynamic culture,
constructs were found to elongate considerably (Figure 6.4A), as can also be observed from
the ultrasound data of a representative (circular) sample at zero pressure on day 0 (Figure
6.4C), and at the end of culture (Figure 6.4D). The v1 axis of elliptical constructs and vc
of the circular constructs elongated until day 11. Between days 11 and 14, the ellipse con-
tinued to elongate while the circular constructs stabilized, leading to a significant difference
between these two values. The length of the v2 axis of the elliptical constructs increased
considerably less compared to the v1 axis.
Construct thickness was not significantly different between both construct groups during
dynamic culture (Figure 6.4B). Initially, the PCL-BU scaffolds had a thickness of 0.3 mm.
Fourteen days after seeding of the scaffolds (day 0 of dynamic culture), average construct
thickness ranged between 0.31–0.35mm.

Evolution of mechanical behavior during dynamic culture
During dynamic culture, various mechanical quantities were determined in the inner 50% of
the construct by means of nondestructive mechanical testing and inverse finite element anal-
ysis (Figure 6.5). At day 0, the elastic stretch is initially significantly lower in the circular
construct vc compared to the elliptical constructs in the v1 direction (Figure 6.5A). Inter-
estingly, during dynamic culture, the stretch in v1 drops to maintain a similar magnitude
until day 14. In contrast, the elastic stretch in vc actually increased to become significantly
larger than the elastic stretch in the v1 direction of the elliptical constructs. The local stiff-
ness and Cauchy stress did not show large temporal differences for either construct groups
(Figure 6.5 B,C). The magnitude for the local stiffness is in general significantly higher in
vc, compared to both directions in the ellipse. This is also the case for the Cauchy stress,
but here also the stress is significantly higher in the v1 direction of the elliptical constructs,
compared to the v2 direction. At the start of the experiment, the strain energy density is
4 kPa for both the circular and elliptical samples (Figure 6.5 D). However, it appears that
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Figure 6.4: A) Changes in tissue length (L/L0) for the circular (vc, yellow) and
the main axes v1 (blue) and v2 (red). B)Construct thickness over 14 days of cul-
ture for the elliptical (blue) and circular constructs (yellow). # indicates significant
difference between v1 and v2,$ between v1 and vc, and * between ellipse v2 and vc
at one particular time point. One symbol represents p≤0.05 and three p≤0,001. C)
Ultrasound image of a circular TE construct at the start of culture and (D), a dilated
sample at the end of culture at zero pressure (p = 0).

beyond this time point, both magnitudes start to diverge significantly from each other. In
this case the strain energy density is significantly higher compared to the elliptical samples.

Tissue structure and organization
Figure 6.6 depicts representative images from HE stainings (top two rows) and PR (bottom
two rows). In both cases, the top rows represent the dynamically cultured constructs, while
the bottom rows depict the statically cultured constructs. The HE staining reveals that the
cells are homogeneously distributed along the thickness of the samples. In the PR images, a
dense tissue layer is visible on the top side of each sample. However, after dynamic culture
this distinct layer is found on the opposite, pressurized side. No differences are observed in
tissue structure and organization between the two axes of the elliptical constructs and the
circular tissues.

In case of the in-plane structural tissue properties, for both the elliptical and circular con-
struct, the collagen organization after static culture is isotropic across the entire sample
(Figures 6.7 & 6.8). This was also confirmed quantitatively with the fiber tracking software,
as indicated in the histograms. After dynamic culture, an in-plane relatively isotropically
distributed collagen organization was also observed on both sides of a quarter of the circular
TE constructs (Figure 6.9).
In contrast, the dynamically cultured elliptical samples have a more anisotropic organization
of the collagen fibers (Figure 6.9) compared to the dynamically cultured circular constructs.
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Figure 6.5: Average principal elastic stretch (A), local stiffness (B), principal
Cauchy stress (C), and strain energy density (D) for elliptical and circular constructs
along v1, v2 and vc during dynamic culture. # indicates significant difference be-
tween v1 and v2, $ between v1 and vc, and between ellipse v2 and vc at one time
point. In the right bottom image, significant differences between ellipse and circle at
one time point is indicated by . One symbol represents p≤0.05, two symbols p≤0.01,
and three p≤0.001.
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Figure 6.6: Representative histological images along the v1 and v2 axes of the
elliptical constructs, and in vc in the circular samples, cultured either dynamically
or statically. Note that the bottom side of all samples coincides with the pressurized
side in the bioreactor. The top two rows show a Hematoxylin & Eosin staining for
general tissue composition and cellular distribution. The bottom two rows feature a
PR stain, depicting collagen fibers (red).

For the first two regions near the middle of the sample, the fibers orient in the horizontal
direction, along the v2 axis of the construct. More near the outer edge of the sample however,
the collagen fibers are oriented in the v1 direction.

6.4 Discussion
The goal of this study was to elucidate the role of anisotropy of loading on tissue adaptation
in TE constructs, and the potential establishment of a geometric and mechanical equilib-
rium. This was done by dynamically pressurizing elliptically shaped tissues during culture in
order to facilitate anisotropic mechanical deformation. Changes in the geometrical and me-
chanical state of both elliptical and circular constructs were assessed at various time points
using a combination of ultrasound imaging and inverse finite element analysis. Following
culture, the in-plane collagen organization, and tissue structure throughout the thickness,
was determined using confocal microscopy and histology respectively.

Geometric changes during dynamic culture
All constructs were found to steadily elongate during dynamic culture (Figure 6.4 A). In
analogy with the findings in chapter 5, this probably occurs due to plastic deformation of
the PCL-BU scaffold. As expected, the v1 axis of all elliptical constructs elongated more
compared to the v2 axis, which is in line with the greater deformation along this axis. There
was no significant difference between the elongation of the v1 axis of the elliptical and the
circular constructs up to day 11. From day 11 however, surprisingly, the length of the circular
constructs stabilized, while the elliptical constructs elongated further along the v1. This is
not in agreement with the findings in chapter 5, where circular constructs with a similar
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Figure 6.7: The top (left) and bottom (right) side of a representative collagen-
stained quarter of a 14 day statically cultured circular TE construct. The histograms
indicate the fraction of collagen fibers oriented in each direction from each side of the
image.

thickness showed progressively increasing elongation at a culture peak pressure of 4 kPa.
The difference between these studies is however that the circular constructs in this study
were slightly smaller (diameter of 12 vs 15 mm). This discrepancy gives rise to different
types of mechanical loading. For instance, the stretches at day 0 are higher for the study in
chapter 5, compared to this study. The fact that the stretches at the beginning of dynamic
culture are lower might enable the tissues to reach a geometrical steady state. The different
starting stretches can also explain that the elongation for the circular samples in this study
was also lower (1.09) compared to the larger circular samples from chapter 5 (1.13). If
we follow up on this theory, this coincides with that fact that the v1 axis of the elliptical
construct experiences higher stretches at the beginning of the experiment, which leads to
larger elongations. The thickness of both circular and elliptical constructs is similar and
without evident changes during dynamic culture (Figure 6.4B). The average thickness lies
slightly above the initial scaffold thickness (0.3 mm), likely due to tissue formation during
static culture. This phenomenon was also observed in chapter 5.

Exclusively elliptical constructs reach a mechanical steady state
In general, local stiffness and Cauchy stress were significantly higher for the circular con-
struct, compared to both directions of the elliptical tissues (Figure 6.5 B,C). The magnitudes
of the stiffness and Cauchy stress for the circular construct are also comparable to those pre-
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Figure 6.8: The top and bottom side of a representative collagen-stained quarter
of a 14 day statically cultured elliptical TE construct. The histograms to the right
indicate the fraction of collagen fibers oriented in each direction from each side of the
image.

sented in chapter 5. The same holds for the strain energy density (Figure 6.5 D), which is
roughly 4 kPa at the start of the experiment for both studies. In contrast, while this value
remained constant in chapter 5, it increases for the circular constructs to significantly dif-
ferent magnitudes compared to the elliptical constructs in the present study. These trends
were very similar to the progression of the stretches along v1 in the elliptical construct, and
vc in the circular samples (Figure 6.5 A). First, the stretches in vc were significantly lower
than compared to v1. Surprisingly, already after 4 days of culture, the stretch magnitudes
converged to a similar value, and even diverged for later time points. At the end of the
experiment, stretches in vc had increased to magnitudes comparable to stretches present
in v1 of the elliptical samples at day 0. Moreover, the stretches in both directions of the
elliptical constructs show a stabilizing trend from day 4, while the stretches in the circular
construct do not reach a steady state. The fact that the circular constructs fail to reach a
stretch equilibrium in contrast to chapter 5, could be due to the fact that they were cultured
at considerably higher pressures of 6 kPa. This 50% increase in pressure could simply be
too large for the tissue to counteract with physiological tissue adaptation on the present
timescale. The behavior of the stretches in the elliptical construct can be explained by the
final anisotropic collagen architecture in these samples. Although the collagen was mainly
oriented in the direction perpendicular to the highest stretches (v2), these fibers bear the
load applied to the entire construct, hence also resisting tension in the v1 direction. As
during culture additional collagen fibers are formed, these can also decrease the stretches
experienced in v1 of the ellipse.

Elliptical constructs become structurally anisotropic during
dynamic culture
The histological images reveal a generally homogeneous distribution of cells and collagen in
the thickness direction (Figure 6.6). A dense layer of collagen is present at the top side of the
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Figure 6.9: The top (left) and bottom (right) side of a representative collagen-
stained quarter of a circular TE constructs after dynamic culture. The lower panels
show zoomed-in images of three locations as indicated by the yellow squares. The
histograms indicate the fraction of collagen fibers oriented in each direction.

statically cultured samples after 14 days. Interestingly, after subsequent dynamic culture,
such a layer is found on the opposite, pressurized side of the samples. The presence of the
bottom layer is in agreement with the dynamically cultured sample in chapter 5.

Both elliptical and circular statically cultured constructs were found to have a predomi-
nantly isotropic and uniform collagen organization after 2 weeks (Figures 6.7 & 6.8). After
dynamic culture, the circular constructs maintained a relatively isotropic fiber orientation
(Figure 6.9). This ought to be expected, since both the scaffold and the loading is isotropic.
In addition, these findings are in agreement with the structural organization in the circular
constructs investigated in chapters 4 and 5. However, the elliptical TE samples display
a more anisotropic collagen organization (Figure 6.10) compared to the statically cultured
elliptical constructs. Mostly, the collagen fibers were oriented in the direction of the lowest
stretches, which suggests that the cells have oriented away from the direction of the highest
loading (Wang et al, 2001; Kaunas et al, 2005; Faust et al, 2011; Tamiello et al, 2016). Sub-
sequently, after this strain-avoidance response the cells have synthesized most of the collagen
fibers in the v2 direction of the elliptical construct, hence yielding an anisotropic collagen
organization. It has to be noted that near the edge of the elliptical construct, the fibers are
aligned in the v1 direction, although less pronounced compared to the fiber orientations in
the center of the samples. Possibly, this can be explained by the fact that the stretches near
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Figure 6.10: The top (left) and bottom (right) side of a representative collagen-
stained quarter of an elliptical TE constructs after dynamic culture. Below them
are zoomed-in images of three locations as indicated between the yellow squares.
The histograms indicate the fraction of collagen fibers oriented in each direction the
zoomed-in images. For this construct the collagen organization is anisotropic, with
the collagen fibers oriented in the v2 direction for the first two sections. In contrast,
the collagen fibers in the last section are predominantly oriented in the v1 direction.

the edge of the sample are considerably lower compared to the midsection (Figure 6.2).

Relevance for in vivo TE approaches
Geometric and mechanical changes that occurred during dynamic culture in anisotropically
loaded constructs show resemblances to various in vivo observations. For example, Jackson
et al (2002) found that increased axial stretch of structurally anisotropic arteries is normal-
ized within 7 days. In agreement with this observation, the stretch in the v1 direction of the
anisotropically loaded constructs is decreased to an equilibrium state following the initiation
of dynamic loading. Lengthening of implanted TE vascular grafts in the axial direction is
also reported in several in vivo studies (Khosravi et al, 2016) Ong et al (2017). This is in
agreement with the significantly larger lengthening behavior in the direction of the highest
loading of the elliptical constructs. The results of the present study indicate that reducing
the axial stretch in TEVGs, for instance by utilizing axially aligned anisotropic scaffolds,
could prevent this unwanted dilation.

Limitations and future directions
In this study, constructs that were deformed in an anisotropic and isotropic manner are com-
pared. To determine the mechanical response of the construct beforehand, finite element
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simulations were performed on both geometries. However, the differences at the beginning
of dynamic culture between the stretch and Cauchy stress of the circular construct and the
elliptical construct in the v1 direction (Figure 6.5) were much greater than was predicted
(Figure 6.3). This discrepancy is explained by the fact that the construct material in the
finite element simulations was modeled using mechanical parameters of pure PCL-BU scaf-
folds, while at the beginning of dynamic culture cell-synthesized ECM was already present
in the constructs, which affects its mechanical behavior. In a future study, the finite ele-
ment analysis should be performed with more accurate material parameters for matrix and
cell-populated scaffolds.

Currently, for the elliptical constructs, two ultrasound measurements along v1 and v2 are
required during each time point. Subsequently the data is mapped over each other based on
an interpolated profile from two separate ultrasound measurements. This interpolation adds
a certain amount of uncertainty to the geometrical and mechanical data of these constructs.
Theoretically, the apex displacement from both measurements should be the same, however,
in practice this was not always the case. This is attributed to the fact that the ultrasound
probe was manually positioned during the ultrasound measurements, and was therefore not
always exactly aligned along v1 and v2. An effective solution to this problem would be 3D
echography, which allows to measure the entire construct at once, omitting the necessity for
interpolation.

During dynamic culture, the elliptical constructs changed from a structurally isotropic, to a
predominantly anisotropically organized tissue. Unfortunately, using the current techniques
it was only possible to determine the collagen fiber organization if a sample was sacrificed
(static samples after 2 weeks and at the end of the experiment for dynamically cultured
samples). This means that it remains unknown how and when the transition of the colla-
gen fibers to a more anisotropic alignment actually occurs. Riggin et al (2014) used high
frequency ultrasound imaging to evaluate the collagen organization in rat tendons in vivo.
Applying this technique in the current study would help gain valuable insights in how the
structural collagen fiber adaptation process occurs. In any case, since the bioreactor is al-
ready suited for ultrasound imaging, implementing this technique into the setup would be
rather straightforward. On the matter of collagen fiber organization, currently merely the
most superficial layer of the tissue could be analyzed (up to 60 µm). It would be interesting
to determine the collagen fiber alignment in deeper layers of the tissue as well, in order to
evaluate depth-dependent changes in structural organization.

In the current study most of the geometrical and mechanical changes are observed between
the first and the second time point of the experiment. This is hardly surprising, since the
tissues are introduced into a very different loading regime (static to dynamic) at day 0.
To gain more insight into this initial response of the tissues, more measurements could be
included in the first 4 days of the experiment. Such data could yield valuable information
for in vivo TE therapies, since early tissue formation dictates late tissue outcome.

The results from this study could be divided into three categories: geometrical, mechan-
ical and structural properties. Clearly, these three types of tissue characteristics are highly
interrelated. If for instance the structural organization changes, this will ultimately affect
the mechanical and geometrical properties as well. Subsequently, these latter two character-
istics reciprocally affect all other properties too, meaning that we end up in a tremendously
complicated chain of events. This interdependency of tissue properties makes the interpre-
tation of the results very complex. This study presents a first step to unravel the underlying
mechanisms of tissue adaptation in anisotropically loaded tissues. More studies are required
which step-by-step investigate mechanically-driven tissue adaption, for instance, by system-
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atically varying scaffold properties or loading conditions.

Conclusion
In summary, this study set out to elucidate the role of anisotropy of loading on tissue adap-
tation in TE constructs, and the potential establishment of a geometric and mechanical
equilibrium. To facilitate anisotropic deformation of a tissue-engineered construct when
pressurized within the Vertigro bioreactor, elliptically shaped inserts with main axes of 15
mm and 7.5 mm were developed. Subsequently, circular and elliptical constructs were cul-
tured under a dynamic loading regime for 14 days. Perturbations in the geometrical and
mechanical state of the constructs were assessed at various time points using ultrasound
imaging and inverse finite element analysis. During culture, solely the elliptical samples
reached a mechanical steady state, while the circular constructs exclusively reached a ge-
ometrically stable situation. In addition, structural anisotropy was induced in elliptical
constructs while the circular constructs remained structurally isotropic. This demonstrates
that during the rational design of TE therapies, the geometry and mechanical properties of
the scaffold in relation to the anisotropy of loading should be considered, since these dic-
tate the subsequent tissue adaptation. Because cardiovascular tissues typically experience
anisotropic loading patterns, these results give valuable insights for the design, development
and clinical translation of cardiovascular TE therapies.
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Chapter 7

7.1 Introduction and objective

Cardiovascular diseases remain one of the leading causes of death in the Western world
today. Currently, end-stage diseased heart valves and blood vessels are generally replaced
by means of biological or synthetic prostheses. Although both replacement techniques have
shown improvements since their introduction, they still suffer from numerous drawbacks. A
promising alternative to conventional prostheses are tissue-engineered (TE) cardiovascular
substitutes, as they have the ability to adapt in response to (mechanical) changes inside
the human body. However, although tissue engineering approaches have shown promising
results, there are still several problems which need to be overcome. In particular, current TE
constructs often display impaired geometrical stability, leading to failure of tissue-engineered
heart valves (TEHVs) (Flanagan et al, 2007; Driessen-Mol et al, 2014) and tissue-engineered
vascular grafts (TEVGs) (McAllister et al, 2009; Khosravi et al, 2016). Clearly, it still proves
difficult to replicate and maintain the architecture of native tissues in their TE counterparts
(Werfel et al, 2013; Muylaert et al, 2016; Wissing et al, 2017), which is associated with
improper in vivo functioning.

In order to overcome these drawbacks, a clear understanding of the underlying mechanisms
of tissue adaptation is required. To date, existing research hypothesizes that tissue adapta-
tion occurs in order to maintain a certain homeostatic mechanical state (Sacks et al, 2009;
Mol et al, 2009; Humphrey et al, 2014a). Unfortunately, little is known about the underlying
mechanisms of so-called mechanically-driven tissue adaptation. In this thesis, numerical and
experimental methods are utilized to further unravel mechanically-driven tissue adaptation
in engineered cardiovascular tissues. First, one very interesting mechanism for tissue adap-
tation on the relatively short timescale was studied in the research described in chapters 2
and 3. In particular, cell traction-mediated prestretch (the process were cells apply forces
to their surroundings, generating significant levels of intrinsic tissue stretches) was studied
using both experimental and numerical approaches. In contrast, chapters 4 to 6 did not
consider one particular adaptation mechanism, but studied the entire mechanically-driven
adaptation process ”as a whole”, on a considerably longer time-scale. This was done by
assessing geometrical, mechanical and structural changes in TE constructs for several weeks
in vitro.

7.2 Main findings

In the second chapter it was hypothesized that cells embedded in a cardiovascular tissue
can regulate tissue prestress in response to dynamic loading by changing the traction forces
applied to their surroundings. This hypothesis was investigated by means of a novel ex-
perimental setup, which was created by combining two existing frameworks: one to culture
3D microtissues and subsequently measure their applied traction forces, and the commer-
cially available Flexcell system. This high-throughput platform was used to simultaneously
culture microtissues under dynamic loading conditions, whilst tracking the applied levels
of intrinsically generated prestress. After setup validation, microtissues were dynamically
cultured for 24 hours alongside a static control group. It was demonstrated that dynamic
loading increased generated prestress twofold. Addition of a ROCK-inhibitor abated the
prestress almost completely in both the dynamically and statically cultured microtissues,
proving that the found prestress increase is solely caused by a change in cellular traction
forces. Finally, switching the dynamically cultured microtissues back to static conditions
triggered a response which, within hours, restored prestress levels to that comparable to
the static control group. This showed that intrinsic tissue prestress is a highly regulated
parameter, controlled by the actin stress fibers which serve as a sort of mechanostat. In
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the next chapter, it was studied to what extent cell traction forces can also explain in vivo
prestretch levels. This time, a computational approach was utilized to predict cell traction-
generated prestretch in the ovine mitral valve. To this end, the in vivo boundary conditions
were removed to simulate prestretch induced valvular contraction after excision. Finally, to
assess the accuracy of the model, predicted contractions were compared with measurements
performed on explanted ovine valves, which turned out to be in good agreement with each
other. Since the predicted retraction was exclusively caused by the cellular traction forces,
it was demonstrated that the presence of contractile cells can also explain in vivo prestretch
levels.

In chapters 2 and 3, one particular mechanism for mechanically-driven tissue adaptation
was studied extensively. However, this mechanism works on the relatively short timescale,
and is obviously not the sole effector of the entire tissue adaptation process. In chapter
4 to 6, the entire mechanically-driven adaptation process was studied, including extracel-
lular matrix (ECM) synthesis and remodeling, on a particularly longer timescale. First, a
novel bioreactor was developed to culture TE constructs under dynamic loading conditions
(chapter 4). This Vertigro (”Versatile Tissue Growth & Remodeling”) bioreactor, houses
a myofibroblast-seeded circular electrospun scaffold, which was cultured under a dynamic
pressure-driven loading regime. During the in vitro dynamic culture period of several weeks,
geometrical and mechanical changes due to tissue adaptation could be assessed by means of
a combinations of ultrasound imaging and inverse finite element analysis. The novelty of this
system lies in the fact that these measurements can be performed non-destructively, at any
point in time, allowing the gathering of temporal data from a single sample. With this biore-
actor, the effect of initial scaffold thickness on obtaining a geometrically and mechanically
homeostatic state was investigated in chapter 5. Strikingly, a stable geometrical state was
only obtained for one out of the two investigated thicknesses. In contrast, a mechanically
steady state was reached for both starting thicknesses, although at different magnitudes of
the investigated mechanical quantities (strain, stress, strain energy density, and stiffness).
These findings indicate that obtaining a geometrically and mechanically stable steady state
is highly dependent on initial functional scaffold properties. Finally, in chapter 6 elliptical
constructs (alongside circular controls) were cultured in the Vertigro bioreactor in order to
investigate the effect of anisotropy of loading on tissue adaptation. After 14 days of dy-
namic culture, solely the anisotropically deformed constructs reached a mechanical steady
state, while in contrast, the circular control group exclusively reached a geometrically steady
state. In addition, the elliptical TE samples reached a primarily anisotropic fiber structure,
whereas circular constructs remained isotropic.

7.3 Limitations & future directions for the work in this thesis

Combined experimental and numerical approach
Chapters 2 and 3 both concentrated on cell traction-mediated prestretch, were chapter 2
featured an experimental approach, and chapter 3 was solely relying on a computational
approach. What would also be particularly interesting is using the model from chapter 3 to
predict the findings in chapter 2. Such a combined experimental-numerical approach could
mutually benefit both studies tremendously. For instance, a proper prediction of the experi-
mental results could be used as a validation of the model from chapter 3, or serve to improve
it, e.g. by tuning the model parameters. Additionally, the computational simulations could
aid in obtaining a better understanding of the experimental observations, for example by
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explaining how fast perturbations increase or decrease the cell-mediated prestress, rather
than just looking at discrete time points of 24 hours.

Adding growth and remodeling
Currently, the computational model from chapter 3 only considers one particular adaptation
mechanism. Clearly, this is not the only form of tissue adaptation responsible for mitral valve
structure and function. However, the original model by Loerakker et al (Loerakker et al,
2014, 2016) used for this chapter also features several other tissue adaptation mechanisms,
including collagen fiber synthesis and degradation. It would be very interesting to evaluate
if the model is capable of accurately predicting the development of the native structure and
organization of the mitral valve (Ristori et al, 2018). Additionally, this extended model could
be used to predict tissue adaptation after valvular surgery (e.g. an annuloplasty procedure
which is carried out to repair valve regurgitation). Often, such interventions aid in restoring
normal annular size and shape, but ultimately yield totally different leaflet deformations
compared to the native situation (Jimenez et al, 2007; Bothe et al, 2011). Simulations
regarding the subsequent adaptation process could help explain post-operative changes in
mitral valve leaflet geometry, mechanics and function (Bothe et al, 2010; Mahmood et al,
2010), and the potential problems which might arise because of it. Such an approach could
additionally offer solutions to overcome adverse mitral valve adaptation.

Multi-scale approaches
The model used in chapter 3 approaches the entire tissue as a homogeneous continuum. For
instance, the mitral valve was modeled assuming a constant material response throughout
the thickness. This is however non-physiological, since the valve actually consists of several
layers with very distinct structural and mechanical properties. In addition, the cells are
assumed to be evenly distributed in the tissue. Since especially the cells embedded in these
tissues form the bridge between the mechanical cues and the subsequent adaptation mech-
anism, such assumptions used in the models could be an oversimplification. A promising
improvement to the current continuum approach, is the use (or integration) of so-called
agent-based computational models, where both the behavior of individual agents and the
interaction between them determines the fate of structural properties at the tissue level.
Obviously, single cells could form the basis of such models. For instance, Werfel et al (2013)
have used an agent-based approach to predict cancer development due to physical changes in
the surroundings of the cell. In their study, they modeled cells on a 2D substrate as adhesive
spheres, in which the tension experienced by the cells determines their fate. In particular,
excessive cellular extension induced a high probability of growth and proliferation, while
compression-initiated apoptosis. The computational simulations suggested that geometric
changes and increased variability in phenotype may be a mechanism for tissue disorganiza-
tion and subsequent non-mutagenic cancer development. Interestingly, in this model both
cell-cell interaction and growth were incorporated, and this could be translated to models
for adaptation of cardiovascular tissues. As a second example: an agent-based computa-
tional model predicting scar development after myocardial infarction has been proposed by
Rouillard and Holmes (2014). In this study, a previous agent-based model (Rouillard and
Holmes, 2012) was coupled to a macroscopic model for tissue mechanics. The fibroblasts
in the agent-based part were assumed to deposit and remodel collagen fibers in response to
chemical, structural, and mechanical stimuli. The model was able to predict infarct healing
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of a coronary ligation rat model Fomovsky and Holmes (2010). This agent-based model
was specifically developed for the prediction of tissue adaptation and showed the potential
of this multi-scale approach. Finally, Zahedmanesh et al (2012) coupled a finite element
framework to agent-based models, with which the role of scaffold compliance and loading
regime on vascular smooth muscle cell-induced development of intimal hyperplasia was stud-
ied. Additionally, they observed reduced luminal ingrowth and enhanced collagen synthesis
in dynamically cultured TE blood vessels, compared to non-pulsatile pressurized controls.
This study showed the potential applications of agent-based models in cardiovascular tissue
engineering. In general, the advantage of using agent-based frameworks is that important
cellular processes, such as migration, traction forces and ECM remodeling, can be modeled
specifically, which would not be possible using a continuum approach. These models can
potentially help in gaining a mechanistic understanding of the underlying processes of tissue
adaptation.

Improvements to the Vertigro bioreactor system
Measuring prestretch

The Vertigro bioreactor also faces certain challenges which should be addressed. For in-
stance, it was impossible to determine tissue prestretch during the temporal ultrasound
measurements. Prestretch therefore was only determined at the end of the entire experi-
ment by excising the constructs from the bioreactor insert and quantifying the retraction.
This final prestretch value was retrospectively assumed for all previous mechanical mea-
surements. Obviously, assuming a constant prestretch over time is not very accurate, since
it can change significantly throughout culture. Actually, this was confirmed in chapter 4,
where a progressively increasing prestretch was found when sacrificing samples every week
of the experiment. Clearly, if the assumed prestretch is inaccurate, the temporally quanti-
fied stretches are also imprecise. A possible improvement to the current bioreactor system
would be an adjustment which does allow for temporal quantification of tissue prestretch.
For instance, the rigid inserts could be fitted with a release system, allowing the construct
to contract, whilst still encamping the tissue. After performing the prestretch measurement,
the release system should be able to re-stretch the TE construct back to its original position
to allow for subsequent culture. This adjustment would enable a more accurate quantifica-
tion of the temporal mechanical state of TE samples.

Gaining a mechanistic understanding of tissue adaptation

The experiments in chapters 4 to 6 provided insightful information on the effect of dynamic
loading on geometrical, structural and mechanical properties of TE constructs. These re-
sults can prove useful for the design of in vivo studies or clinical translation of TE therapies,
for instance in determining the initial optimal scaffold thickness or structural anisotropy.
However, the study outcomes mainly represent empirical observations, which means that it
is unknown how each of the individual mechanisms of mechanically-driven tissue adaptation
contribute to the final tissue organization, structure and mechanical state. In addition to the
previously mentioned bioreactor adjustment to assess temporal changes in tissue prestretch,
other steps can be taken to gain more insight into the distinct adaptation mechanisms. For
instance, performing qPCR analysis on the individual samples to screen adaptation-specific
genes (e.g. MMPs, different types of collagen, α-SMA, elastin and various growth factors)
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and correlating their expression to geometrical and mechanical properties could provide in-
formation on how the individual mechanisms such as ECM production or degradation work
together to preserve or adapt tissue structure and organization. In addition, various protein
assays (e.g. elastin, MMPs) could be performed in addition to the current collagen, GAG
and DNA assays.

Implementing additional non-invasive methods

Although carrying out qPCR or protein analysis can help to gain a mechanistic under-
standing of the underlying mechanisms of tissue adaptation, using these techniques implies
sacrificing the tissue samples. Therefore, a drastic increase in sample size is required. This
is rather cumbersome, since originally the bioreactor system was designed to acquire a time
series of geometrical and mechanical data non-invasively. Ideally, temporal data of tissue
organization and content should also be acquired without the necessity to sacrifice samples.
An interesting first step towards such an approach would be to determine tissue collagen con-
tent and organization non-invasively with ultrasound. In fact, several studies were already
conducted towards this end. First, Mercado et al (2015) used high frequency ultrasound
imaging to assess the collagen content in TE constructs. Since our bioreactor is already
suitable for ultrasound imaging, implementing this technique in the current setup could be
rather straightforward. Such an addition would enable temporal measurements of collagen
content and allow subsequent correlation to time dependent data on geometrical and me-
chanical properties. Second, in an earlier study, the same group used a similar technique to
determine cellular density in TE hydrogels (Mercado et al, 2014). Performing such measure-
ments on our TE constructs would give additional information on cellular turnover during
the experiment. Finally, Riggin et al (2014) also used high frequency ultrasound imaging
to evaluate the collagen organization of rat tendons in vivo. Applying this technique to
the study in chapter 6 would for instance allow us to measure the adaptation from a fully
isotropic to a structurally anisotropic construct over time.

7.4 Implications for cardiovascular tissue engineering

Prestretch in cardiovascular tissues
From chapters 2 it is apparent that cellular-traction forces can be held accountable for
considerable degrees of prestretch in vitro. In addition, it was found that on a relatively
short term, mechanical perturbations induce variations in cell traction-induced levels of
prestretch. Naturally, since many TE therapies rely on scaffolds populated by contractile
cells, these findings have important implications. For instance, after implantation of in
vitro TE constructs, this tissue may be exposed to a completely different loading regime.
Such mechanical alterations induce variations in tissue prestretch and subsequent changes
in mechanical and geometrical properties, which could impede proper in vivo functioning.
In fact, this phenomenon might form a potential explanation for the previously observed
leaflet retraction in TEHVs after in vivo implantation (Dijkman et al, 2012; Cheung et al,
2015). In addition, mechanically-induced changes in tissue prestretch could also play a
pivotal role in the long-term success of TE therapies. In cardiovascular tissues, significant
levels of prestretch are observed in, e.g. blood vessels (Dobrin et al, 1975; Chuong and
Fung, 1986) and heart valves (Amini et al, 2012). If TE cardiovascular prostheses are to
replace such native tissues, obtaining physiological levels of prestretch in these constructs
will be of paramount importance. Therefore, the effect of, for instance, scaffold degradation
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or infiltration of contractile cells in TE prostheses on prestretch development should be
investigated.

Scaffold design
From chapter 5, it became clear that the type of scaffold typically used in TE therapies shows
significant levels of plastic deformation. Potentially, this can give rise to complications such
as aneurysm formation in vascular prostheses. Therefore, preventing tissue dilation due
to plastic deformation of the scaffold is crucial. For instance, the use of a relatively thick
scaffold can help to maintain in vivo geometrical stability, as was shown in chapter 6. In
addition, e.g. scaffold chemical composition, fiber thickness and mechanical properties are
parameters which should be considered to minimize plastic deformation.
Obviously, also the structural organization of the fibers is a critical scaffold property. After
implantation, scaffold anisotropy will greatly influence the loading patterns experienced by
a cardiovascular TE construct. As the findings from chapter 6 have shown that anisotropy
of loading greatly influences tissue adaptation, making an informed decision on the initial
scaffold anisotropy is crucial for the long-term success of TE therapies.

A bandwidth of mechanical steady states
In this thesis we tried to investigate if a stable mechanical state in engineered cardiovas-
cular tissues could be established. To this end, sample groups with two different scaffold
thicknesses were dynamically cultured at the same peak pressure, thereby inducing different
magnitudes of mechanical loading. Next, the effect of such distinct levels of loading on the
establishment of a mechanical equilibrium was investigated in chapter 5. For both initial
starting thicknesses, two different mechanical steady states were identified in in vitro TE
constructs. Still, the obtained tissue structure in both cases was very similar, for instance
displaying elastin at the pressurized side of the constructs and the formation of a layer
containing αSMA positive cells, collagen type III and GAGs at the non-pressurized side.
In addition, such a tissue structure was also very similar compared to the observed TEHV
structure in a recent preclinical study (Kluin et al, 2017). Apparently, different types of
mechanical loading can lead to the same manner of tissue adaptation. Obviously, this study
merely used two different levels of mechanical loading. These findings could actually be con-
ceived as a blessing for cardiovascular TE therapies, as no strict mechanical state is required
to ensure physiological tissue adaptation. For instance, the choice for design parameters
such as TE construct thickness, anisotropy and/or mechanical properties does not need to
be infallible to ensure physiological tissue adaptation. Staying within certain mechanical
boundaries will possibly prevent non-physiological (fibrotic) tissue adaptation, and thus will
lead to a native-like tissue, which grants scientists more freedom in the development of TE
therapies.

7.5 Future research on mechanically-driven adaptation

Systematic and empirical approaches to study tissue adaptation
Tissue adaptation as a general concept is a complex interplay between different mechanisms,
e.g. cell traction forces, ECM synthesis and protein degradation. Each of these mechanisms
on its own is still poorly understood, let alone their combined effects on tissue structure
and organization. In order to investigate mechanically-driven tissue adaptation, several
approaches can be used. First, one can opt for focusing on a specific mechanism and investi-
gating it thoroughly. In particular, numerous studies have used such a systematic approach;
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e.g. Butt and Bishop (1998) showed that cyclical stretching of fibroblasts increases synthe-
sis of new ECM components, while Huang and Yannas (1977) studied protein degradation
extensively, concluding that strained collagen fibers are less susceptible to MMP-mediated
degradation. Another approach to study tissue adaptation is to consider the process as a
whole. This empirical concept involves mimicking the entire adaptation process as accu-
rately as possible (either numerically of experimentally), and evaluating the effect of certain
(mechanical) perturbations on the ultimate or evolution of tissue structure. Relevant ex-
amples using such an approach are pre-clinical studies (Talacua et al, 2015; Khosravi et al,
2016; Kluin et al, 2017), which evaluated TE construct structure and function after in vivo
adaptation. In addition, several computational approaches have modeled the entire tissue
adaptation processes in heart valves (Loerakker et al, 2016; Oomen et al, 2018) and blood
vessels (Valentín et al, 2009). In this thesis, both types of approaches have been used. In
chapters 2 and 3, one single mechanism, in particular cell traction-mediated prestretch, was
studied extensively. In contrast, chapter 4 to 6 focused on in vitro studies, mimicking the
entire adaptation process, and observing the tissue’s final structure and organization as well
as temporal geometrical and mechanical properties.

An advantage of investigating one particular mechanism in isolation is that there is a close
correlation between cause and effect, provided that the boundary conditions are strictly con-
trolled. For instance, by studying cell traction-mediated prestretch at the relatively short
term in chapter 2, ECM synthesis and degradation could simply be ignored. Obviously,
these types of studies give important insight into specific tissue adaptation mechanisms and
how these can contribute to the total process. However, thoroughly knowing how one par-
ticular mechanism exactly works does not mean that you can explain what happens at the
tissue level. This is illustrated by one particular example from this Thesis. For instance,
among the important conclusions arising from chapter 2 was the fact that dynamic loading
increases cell traction-generated prestress in dynamically loaded constructs. This coincided
with findings in chapter 4, where dynamically loaded TE constructs exhibit larger amounts
of prestretch compared to static controls. One could argue that this is caused by activated
cell traction forces, hence leading to a larger prestretch. However, using the same setup in
chapters 5 and 6, surprisingly hardly any prestretch was observed. So, although we could
conclude that prestretch increases due to dynamic loading in chapter 2, which was confirmed
in another in vitro setup in chapter 4, this mechanism is apparently not significant anymore
in the studies of chapter 5 and 6. Possibly, due to the fact that different aspects come into
play (e.g. different scaffold, longer culture time, higher culture pressure), the observed re-
sults are completely different. So, even though systematic studies can prove very insightful,
they do not tell the entire story. Studying only one particular mechanism means that other
important aspects of the adaptation process, and the interactions with one another, simply
are ignored. Research should be acutely aware of this shortcoming of systematic approaches
of isolated aspects of tissue adaptation.

Another way to study mechanically-driven tissue adaptation, is to empirically observe the
implications of mechanically-driven tissue adaptation. With such top down approaches,
important implications of the total adaptation process can clearly be observed from the ob-
tained results, without essential mechanisms and their individual interactions being ignored.
For experimental studies, a particular important downside is that it focusses primarily on
the implications of adaptation, i.e. the effect of tissue adaptation on tissue structure and
organization, rather than explaining how such a result was obtained. To overcome these
drawbacks, utilizing methods to gain a mechanistic understanding of mechanically-driven
adaptation in pure experimental approaches is paramount. As stated earlier, for instance
performing qPCR or protein assays to assess contributions of several adaptation mechanisms
can help to explain empirical experimental observations.
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Contrary, in computational approaches, this is more straight forward by considering the
separate contributions of each of the different adaptation mechanisms, provided that each
of these mechanisms were included individually. Such an approach could for example be an
agent-based model, in which both the individual mechanisms, and the interaction between
them determines the final structural properties of the tissue. However, the most desirable
option would be to use combined numerical-experimental, top down approaches. In this
case, in vitro and in vivo experiments could be used to provide empirical observations of
the effect of tissue adaptation. Next, computational models can be used to systematically
investigate the mechanisms explaining the experimental results. Such a synergy between
experimental and computational approaches would be the most favorable way to provide a
mechanistic understanding of mechanically driven-tissue adaptation.

Mechanical homeostasis on a global or local level
Many studies have investigated mechanically-driven tissue adaptation, albeit at very differ-
ent length scales. There are numerous approaches, including the ones used in this thesis,
which have studied mechanical homeostasis at the level of an entire tissue. For instance,
Shadwick (1999) found that if you normalize for average blood pressure, the aortic elastic
modulus is very similar across different species. More recently, Oomen et al (2016) performed
a single species study by comparing the mechanical state of human heart vales across various
ages. This study revealed relatively small differences in stretches between donors of different
age as well as between the aortic and pulmonary valve from the same donor. Consequently,
these results suggest that heart valve adaptation is a stretch mediated process. In chapters
4 to 6 of this thesis mechanically-driven tissue adaptation was investigated in entire TE con-
structs. However, if we take a step back and consider how tissue adaptation actually occurs,
it might be that a mechanical homeostasis could (also) be found at a completely different
level. As has been stated many times throughout this thesis, cells are the main effectors of
the tissue adaptation processes. They sense mechanical stimuli in their surroundings and
respond to them by e.g. applying traction forces, remodel existing matrix or synthesize new
ECM components. The mechanical cues that cells sense at a local level might be completely
different from the stresses, strains and forces at the tissue level. In fact, Lee et al (2015a)
used a combined experimental-computational approach to understand the interrelationships
between tissue-level loading and local cellular deformation in the mitral valve. It turned
out that this deformation is highly controlled by each tissue layer’s respective structure and
mechanical behavior. Cells embedded in each layer thus may sense different local mechan-
ical stimuli. Since a local stimulus is actually what a cell can sense, this might be a more
important driving mechanical stimulus than the global tissue mechanical state.

Therefore, it could be worthwhile to focus mechanically-driven tissue adaptation research
on a more local tissue level, or even towards the cellular mechanical niche. Several compu-
tational models have been developed to predict single cell phenomena, such as stress fiber
assembly and dissociation, based on a theory of mechanical homeostasis such as stress or
strain homeostasis (Deshpande et al, 2006, 2007; Vernerey and Farsad, 2011; Obbink-Huizer
et al, 2014) or on a thermodynamic equilibrium (Foucard and Vernerey, 2012; Vigliotti et al,
2016). By coupling such studies, based on a local predictions for cell-mediated remodeling,
to an algorithm for collagen remodeling on the tissue level, simulations could be performed
for in vitro studies (Loerakker et al, 2014) and eventually the structure and organization of
TE heart valves (Sanders et al, 2015; Loerakker et al, 2016; Emmert et al, 2018). Like these
previous studies, more attention should be pointed towards coupling the local cellular me-
chanical niche to sub- and global tissue level mechanics. Such multiscale approaches provide
essential information to better understand mechanically-driven tissue adaptation.
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7.6 Towards understanding mechanical homeostasis

What is generally accepted in the existing literature, and is also obvious from this thesis, is
that mechanically stimulating a living tissue will ultimately trigger an adaptation response.
The generally accepted hypothesis is that, in a way, this response is dominated by the desire
of the tissue to preserve mechanical homeostasis. However, different homeostatic parameters
have been hypothesized in different studies, for example stretch (Chaput et al, 2008; Oomen
et al, 2016), stress (Taber and Humphrey, 2001; Humphrey et al, 2009; Valentin et al, 2009),
strain energy density (Cyron and Humphrey, 2014; Vigliotti et al, 2016), and tissue stiffness
(Bellini et al, 2017; Ferruzzi et al, 2016). As stated in the previous section, one could argue
that we should not look for a steady state at the tissue level, but on a sub-tissue or even
cellular level. But also in this case, different mechanical constituents have been proposed.
Also in this thesis, especially in chapters 4 to 6, an attempt was determine if, and at what
level, a mechanical steady state would be established. Although steady mechanical situa-
tions were found in chapters 5 and 6, these persisted at different levels. The question arises
to what extent tissue homeostasis is driven by mechanical factors and whether it is driven
by a single mechanical factor.

Since Isaac Newton laid the groundwork for what we call today the ”classical mechanics”
with his Philosophiae Naturalis Principia Mathematica (Newton, 1687), it was possible to
explain the macroscopic movement, acceleration and velocity of almost every object on earth.
However, as soon as things start moving at the speed of light, or reach sub-atomic length
scales, it became increasingly clear that more than the concept of classical mechanics was
required to adequately explain these complex phenomena. In analogy with this observation,
also tissue adaptation is a very complex process, and maybe the general hypothesis stating
there exists one mechanical homeostatic state, is simply an oversimplification of reality. For
example, mechanically-driven tissue adaptation could not be a generic process across vari-
ous tissue types (e.g. valves or blood vessels), having different target values and/or different
tissue adaptation mechanism to obtain a mechanical steady state. In addition, tissue adap-
tation is not only driven by mechanics. For example biochemical or topological cues are
also very important determinants of tissue adaption. Unfortunately, these factors are often
ignored when investigating mechanically-driven tissue adaptation. Neglecting such essential
aspects could mean that you cannot explain the entire tissue adaption process. In summary,
researchers should investigate the possibility that mechanically-driven tissue adaptation is
not a generic process across different tissue types, and include other important factors like
biochemical and topological factors in the research process.

7.7 Conclusion

In conclusion, this thesis has presented numerical and experimental approaches to gain a
better understanding of mechanically-driven tissue adaptation. Experimental results showed
that dynamic mechanical loading triggers cellular actin stress fibers to increase prestress lev-
els in vitro. Next, a computational model predicted that such contractile forces could also
explain significant levels of in vivo prestretch. The results of these studies indicate that
cell traction-mediated prestretch is a phenomenon to take into account, as it can greatly
influence TE construct structural and mechanical properties. Next, the focus was shifted to
the entire tissue adaptation of in vitro cardiovascular tissues. First, a novel modular setup
was developed to track temporal changes in geometrical and mechanical properties of TE
cardiovascular constructs, paving the way for future research on mechanically driven tissue
adaptation. Second, it was demonstrated that a mechanically and geometrically stable state
could be established in such engineered tissues, depending on the initial scaffold thickness.
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Finally, we demonstrated that anisotropic mechanical loading can greatly influence reaching
a geometrical and mechanical steady situation. Future research can build on these results,
preferably using combined numerical-experimental, multi-level approaches, to further eluci-
date complex processes such as prestretch development, growth and remodeling. Hopefully,
all of these combined efforts can aid in propelling the clinical translation of cardiovascular
tissue engineering therapies, potentially helping at least part of the 23.3 million people who
die every year from cardiovascular related diseases.
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Samenvatting

Cardiovasculaire pathologieën zoals hartklepaandoeningen en vaatziekten, zijn een van de
belangrijkste doodsoorzaken in de westerse wereld. In veel gevallen kunnen conventionele
therapieën deze ziektes slechts beperkt genezen, waardoor vaak de weefsels zullen moeten
worden vervangen. Veelal worden hiervoor synthetische of biologische protheses gebruikt.
Hoewel beide soorten protheses levensreddend zijn, kleven er toch serieuze nadelen aan hun
gebruik. Synthetische protheses worden vaak gebruikt bij relatief jonge patiënten, omdat
deze erg lang mee kunnen gaan. Echter zullen levenslang antistollingsmiddelen moeten
worden gebruikt, met een verhoogde kans op bloedingen tot gevolg. Biologische protheses
hebben dit nadeel niet. Echter,deze klep gaat ’slechts’ 10 tot 20 jaar mee, waardoor jongere
patiënten opnieuw een of meerdere operaties zullen moeten ondergaan. Daarnaast hebben
beide soorten protheses het nadeel niet-levend te zijn, waardoor geen groei, reparatie en
adaptatie van de kleppen plaats kan vinden.

Een mogelijk alternatief voor conventionele klep- of vaatvervangingen zijn getissueengineerde
weefsels. Deze levende protheses worden gemaakt door cellen op een dragermateriaal te bren-
gen, en deze vervolgens te stimuleren om lichaamseigen weefsel aan te maken. Idealiter zal
gedurende dit proces de drager langzaam afbreken, waardoor uiteindelijk een lichaamseigen
weefsel overblijft dat bijna niet van gezond natief weefsel te onderscheiden is. Het succes van
deze vorm van therapie hangt sterk af van hoe de cellen in de loop van de tijd nieuw weefsel
aanmaken, of bestaand weefsel remodelleren. Bijvoorbeeld op de relatief korte termijn zal
dit type cellen krachten uitoefenen op hun omgeving, waardoor het mechanische gedrag, en
dus ook het functioneren van de prothese veranderen. Daarnaast zal de hoeveelheid, organ-
isatie en type weefsel dat de cellen aanmaken sterk bepalen hoe dit levende weefsel zich op
de lange termijn zal gedragen. Tot op de dag van vandaag begrijpen we nog niet goed hoe
deze adaptatiemechanismen in getissue-engineerde weefsels, zowel op korte als lange termijn,
precies werken.

Omtrent natieve weefsels is er de consensus dat fysiologische adaptatie vooral gebeurt om
een zekere mechanische homeostatische staat te behouden. Op deze manier kunnen de
weefsels hun functie behouden, ongeacht veranderingen in hun omgeving. Dit zogenaamde
principe van ‘mechanisch gestuurde weefseladaptatie’ vindt uiteraard ook plaats in getissue-
engineerde protheses, echter niet altijd met het gewenste resultaat. Het komt bijvoorbeeld
maar al te vaak voor dat retractie van de vliezen van een getissue-engineerde hartklep op-
treedt, waardoor deze niet meer goed zal werken. Ook zien we ongewenste aneurysmavorm-
ing in vaatprotheses, waardoor deze uiteindelijk zullen scheuren. Dit zijn slechts twee voor-
beelden van ongewenste adaptatieprocessen welke moeten worden verholpen. Daarom is het
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van groot belang dat we beter begrijpen hoe de onderliggende mechanismen van mechanisch
gestuurde weefseladaptatie in elkaar zitten. Dit is dan ook exact het doel van dit proefschrift.

Het eerste hoofdstuk is een uitgebreide uiteenzetting van de huidige literatuur met betrekking
tot dit onderwerp. Met specifieke aandacht voor (getissue-engineerde) hartkleppen, wordt
een duidelijk overzicht gegeven van de verschillende soorten adaptatiemechanismen. In het
tweede hoofdstuk werd een in vitro-studie worden besproken, waarin het effect van dynamis-
che belasting op door celkracht ontwikkelde voorspanning in microweefsels is onderzocht.
Deze voorspanning is significant hoger na dynamische belasting, en dit komt enkel door ver-
hoogde tractiekrachten gegenereerd door het actine cytoskelet van de cellen. In het volgende
hoofdstuk is gekeken of deze tractiekrachten ook in vivo voorspanningen kunnen verklaren.
Met een computermodel zijn voorspellingen gedaan met betrekking tot de voorspanning in
de mitraalklep, welke zijn vergeleken met klinische data. Het bleek dat het model zeer goed
in staat was retractie na explantatie van de hartklep te voorspellen, wat laat zien dat ook
in het lichaam cellulaire tractiekrachten significante voorspanningen kunnen verklaren.

Waar in de vorige hoofdstukken naar één enkel adaptatiemechanisme is gekeken, werd in de
volgende hoofdstukken meer het totale weefseladaptatieproces op langere termijn beschouwd.
Dit is gedaan door in eerste instantie een nieuwe bioreactor te ontwikkelen, welke in staat is
om getissue-engineerde weefsels onder fysiologische dynamische drukbelasting in het lab te
kunnen kweken. Onder invloed van deze druk zullen in dit weefsel allerlei adaptatiemech-
anismen in werking treden, welke de mechanische en geometrische eigenschappen gaan ve-
randeren. In deze ”Versatile Tissue Growth & Remodeling” (Vertigro) bioreactor kunnen
vervolgens deze veranderingen non-invasief worden gemeten met behulp van ultrasound. De
ontwikkeling van deze bioreactor stelde ons in staat te bestuderen hoe verschillende be-
lastingsmethoden van invloed waren op de adaptatiemechanismen van getissue-engineerde
weefsels. Eerst werd het effect van de initiële dikte van het dragermateriaal op het bereiken
van een geometrisch en mechanisch stabiele toestand onderzocht door weefsel met twee ver-
schillende startdiktes te kweken (hoofdstuk 5). Interessant is dat een mechanisch stabiele
toestand werd bereikt voor beide startdiktes, hoewel bij verschillende waardes van de on-
derzochte mechanische grootheden. Daarentegen werd een stabiele geometrische situatie
alleen bereikt in weefsels met een bepaalde dikte, wat aangeeft dat het verkrijgen van een
geometrisch en mechanisch stabiele toestand in getissue-engineerde protheses in hoge mate
afhankelijk is van de initiële dragereigenschappen. Ten slotte werden ellipsvormige weef-
sels dynamisch gekweekt, om zo het effect van anisotrope belasting op weefselaanpassing
te bestuderen (hoofdstuk 6). Zowel elliptische als circulaire getissue-engineerde constructen
werden gedurende 14 dagen dynamisch gekweekt. Hierbij bereikten alleen de anisotroop ver-
vormde weefsels een mechanische homeostase, terwijl de ronde weefsels uitsluitend een ge-
ometrisch stabiele toestand bereikten. Bovendien kwamen de collageenvezels van elliptische
weefsels duidelijk in een bepaalde richting te liggen, terwijl isotroop vervormde constructen
een homogene oriëntatie van de vezels behielden.

Samenvattend, zijn in dit proefschrift zowel numerieke en experimentele methoden gebruikt
om mechanisch gestuurde weefseladaptatie in getissue-engineerde cardiovasculaire weefsels
verder te begrijpen. Deze bevindingen kunnen van vitaal belang zijn bij het ontwerp en de
klinische toepassing van huidige en toekomstige getissue-engineerde protheses.
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