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2 Chapter 1. General introduction

1.1 The heart valves

The heart is an essential muscle that regulates blood flow through the vascular
system. From its right side, oxygen rich blood is pumped through the peripheral
organs and from its left side oxygen-depleted blood is pumped through the
lungs (Fig. 1.1). To assure the blood circulation in the right direction and
prevent retrograde flow, the heart has four valves. The tricuspid and mitral
valves impede reverse flow from the ventricles to the atria during systole. The
pulmonary valve (PV), located between the right ventricle and the pulmonary
artery, obstructs the reverse flow from the pulmonary circulation. The aortic
valve (AV) controls the blood flow from the left ventricle to the aorta preventing
back flow from the systemic circulation. Heart valves are complex biological
tissues capable of sustaining the successive loading of approximately 3 billion
cycles over a lifetime (Schoen, 2011).

Figure 1.1: Cross-sectional view of the human heart. On the right side, the
PV is found between the ventricle and the pulmonary artery and on the left
side, the AV is located between the ventricle and the aorta. (modified from
http://www.mayoclinic.com/health/medical/IM03194)

1.1.1 The semi-lunar valves

The AV and PV, also known as semi-lunar valves, are both composed of three
approximately equally sized leaflets attached to a tubular root and supported
by the ventricular wall (Fig. 1.2). The valves resemble each other in design
however, the AV is stronger than its pulmonary counterpart.
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Figure 1.2: The anatomy of the AV, showing the three leaflets and the sinuses. Two of the
three sinus contain the orifices of the coronary arteries (adapted from Cohn (2007))

The semi-lunar valve leaflets

The leaflets of the semi-lunar valves show a layered architecture (Fig. 1.3b).
The layer at the outflow surface, the fibrosa, is very dense and arranged as a
series of organized collagenous fibers and bundles. This fiber network, with pa-
rallel collagen bundles running from the commissures towards a more branched
network in the belly region, is considered the strongest and stiffest part of the
leaflet (Fig. 1.3a). The ventricularis, which is the layer at the inflow surface, is
predominantly composed of radially aligned elastin fibers. Its main function is
to keep the fibrosa under compression when the valve is opened. The fibrosa and
the ventricularis are connected by means of the spongiosa. This layer consists
of loosely arranged collagen and an abundant amount of glycosaminoglycans
(GAGs), and serves to absorb compressive forces and shear stresses.

The overall mechanical response of the leaflets is a summation of the response of
the individual layers. Biaxial stress-strain curves of the leaflets show a material
with anisotropic and nonlinear mechanical properties, such that the leaflet tissue
deformation in radial direction is larger than in circumferential direction (Lo and
Vesely, 1995). Differences in extensibility allow the leaflets to completely close
along the free edges during diastole (Thubrikar et al., 1986; Schoen and Levy,
1999). The mechanical behavior in the circumferential direction is mainly due to
the arrangement and structure of collagen fibers, whereas in the radial direction
elastin plays a more significant role (Billiar and Sacks, 2000).

The semi-lunar valve root

The components of the arterial root are the vessel wall, the annulus and the
ventricular structures (myocardial or collagenous) (Fig. 1.4). The vessel wall
is dilated to form three sinuses, located behind the corresponding leaflet. The
annulus is the attachment area of the valve leaflets to the root. This structure
is a circular collagenous band receiving all collagen bundles of the leaflets and
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Figure 1.3: Microscopy image of a native porcine AV leaflet showing a highly organized
collagen fiber network (adapted from Sauren (1981))(a). Representation of the AV leaflet
macrostructure showing its different layers (b) (adapted from Vesely (1997))

thereby transferring the gross load from the leaflet to the wall. This structure
has its distal edge formed like a three-peaked crown and is distally connected to
the adjacent vessel wall and proximally to the ventricular structures in a very
intricate maner (Hokken et al., 1997).

The arterial wall is mainly composed of collagen fibers and elastin lamellae
(Matthews et al., 2010). Collagen is mostly found in the lower parts of the
sinuses’ wall, yet strands of myocardium may also be present. Further distally,
the wall of each sinus becomes thinner and the amount of collagen decreases, as
the proportion of lamellated elastic tissue increases.

The collagen fibers and elastin lamellae are both responsible for the root mecha-
nical behavior (Matthews et al., 2010). All its regions demonstrate a nonlinear
response in both circumferential and longitudinal directions (Azadani et al.,
2012).

Differences between valves

Anatomically, the semi-lunar valves are very similar. Their leaflets differ mainly
in size and thickness. The PV has larger and thinner leaflets than the AV.
Furthermore, the PV root is thinner and slightly smaller than the AV root.
These differences may be related to the difference in mechanical environment.
During the cardiac cycle, the mechanical loading of the valves is different.
In the adult heart, maximum transvalvular pressure at pulmonary position is
10 mmHg just before the opening of the valves, while maximum transvalvular
pressure over the AV reaches 80 mmHg (Guyton and Hall, 2000). Furthermore,
the AV has coronary artery orifices behind two of its leaflets that provide blood
to the heart muscle whereas the PV does not (Fig. 1.2). The AV and the
PV root are also characterized by different ventricular structures. The AV root
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Figure 1.4: Schematic representation of the valve root showing the vessel wall and myocardium
connected by the annulus and the sinuses behind the leaflets. The figure also indicates the
location of the collagen and elastic fibers within the structure (modified from Hokken et al.
(1997))

annulus inserts proximally into the thick left ventricular myocardium receiving
support from this structure and its wedged position between the left and right
atrioventricular annuli. In contrast, the PV pulmonary root is only supported
by the relatively thin right ventricular myocardium (Hokken et al., 1997).

Several studies also show that the AV and pulmonary leaflets have similar
structural elements and architecture (Christie and Barratt-Boyes, 1995; Vesely
et al., 2000). Yet, data from Joyce et al. (2009) suggest that the leaflets are
functionally different. Studying porcine leaflets, they observed that the AV
leaflets demonstrated substantial regional variations in fiber alignment in the
unloaded configuration, whereas the PV was more uniform. Furthermore, the
AV showed substantially larger changes in collagen fiber alignment with applied
transvalvular pressure compared to the PV. The roots also differ in their mecha-
nical properties and histology. The pulmonary sinuses are significantly stiffer
than the AV sinuses at systemic pressure (Matthews et al., 2010). Histologically,
greater elastin with denser weave is present in the AV root as compared to the
PV root.

1.2 Heart valve replacement

Heart valves can become diseased due to stenosis or insufficiency. In stenosis,
there is limited motion of the valve leaflets causing reduction of blood flow and,
in insufficiency, the valve leaflets fail to close properly resulting in reverse blood
flow (regurgitation). The valves in the left side of the heart, particularly the
AV, are the most affected. In case of severe insufficiency, the heart valves are
usually replaced with valve prosthesises.
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Nearly half of the heart valve replacements are performed with mechanical
valves. Mechanical heart valves are widely used because they last longer and
are readily available. However, they are vulnerable to thrombus formation
which requires lifelong anticoagulation treatment. This is caused by high shear
stresses and non-physiological flow profiles that result in blood damage (Dasi et
al., 2009). An alternative to mechanical heart valves are bioprosthetic valves.
These valves have a lower chance of producing thrombus, therefore anticoa-
gulation therapy is often not necessary. Bioprosthetic valves are either of hu-
man (homograft) or animal origin (xenograft). A disadvantage of bioprosthetic
valves, compared to mechanical ones, is their limited lifespan often necessitating
another valve replacement (on average) after 7 − 15 years. The major cause
of bioprosthetic valve failure is calcium build-up and stiffening of the tissue,
causing the restriction of blood flow or tearing of leaflets.

1.2.1 Ross procedure

One particular case of the usage of bioprosthetic valve usage is the so-called
Ross procedure. The operation consists of replacing the AV by the pulmonary
autograft and utilizing a homograft valve instead of the PV (Ross, 1967). The
procedure is particularly attractive for children, athletes and women of child-
bearing age because it eliminates the need for anticoagulation therapy and has
the potential for somatic growth.

Using pulmonary autografts has several advantages, in particular their ability
to grow and their improved hemodynamics and durability (Elkins et al., 1994;
Chambers et al., 1997; Santini et al., 1997). There are, however, potential
disadvantages. In adults, the AV and PV are known to differ in morphology
and structure, (Stradins et al., 2004; Vesely et al., 2000; Azadani et al., 2012;
Hokken et al., 1997) and after pulmonary autograft replacement of the AV, the
autograph is subjected to higher pressures. This more demanding environment
may cause remodeling of the autograph. The valve explants show thickened
leaflets and severe aneurysmal degeneration of the wall, characterized by intimal
thickening, medial elastin fragmentation, and adventitial fibrosis (Schoof et al.,
2006; Mookhoek et al., 2010). Concern exists, that these structural and func-
tional changes in the implanted autograft lead to progressive AV root dilatation
and neoaortic regurgitation.

Another limitation of the Ross technique is the lack of long term results (Phillips,
2003; Kouchoukos, 2011). Yet, some midterm studies are available reporting
that 10 years after surgery employing the Ross procedure, no autograft reope-
ration was necessary for 93% to 98.6% of patients (Rabkin-Aikawa et al., 2004;
Favaloro et al., 2008; Elkins et al., 2008; Takkenberg et al., 2009). This range
of values may be dependent on the employed technique, the surgeon and the
selected group of patient. Therefore, unclarity remains regarding the suitability
of the autograph to potentially become a viable permanent replacement.
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1.3 Cardiovascular tissue engineering

Heart valve tissue engineering (TE) seeks to overcome the current limitations of
heart valve prostheses by creating a living autologous heart valve replacement
that can grow and adapt in response to changing functional demands. The
key processes of the general TE paradigm are shown in Fig. 1.5. In the in

vitro TE approach, autologous cells are seeded on a pre-shaped biodegradable
carrier (the scaffold) and placed in a bioreactor system to deliver the appropriate
environmental stimuli (conditioning) for creating the engineered tissue. This
includes the application of biomechanical and biochemical stimuli that favor
extracellular matrix (ECM) production and tissue remodeling. As a result, a
living autologous tissue is obtained that can be implanted back into the patient.

Figure 1.5: Key processes of the general TE paradigm of cardiovascular structures. Mechanical
conditioning of the cell-seeded scaffold is essential to enhance ECM synthesis and tissue
remodeling (black box))

1.3.1 Tissue compaction

Cell sources used in heart valve TE generally have an activated remodeling
phenotype. These cells develop internal forces acting on the ECM and thereby
creating forces within the tissue. Consequently, cell traction forces lead to tissue
compaction as observed for instance in free floating gels that contract to 10% of
their original size (Yeung et al., 2005). Within the TE approach this compaction
is exhibited by decreased width and/or thickness of TE constructs (Shi and
Vesely, 2003; Ross and Tranquillo, 2003; Mol et al., 2005).

Cells mediate their contractile forces and hence tissue compaction through their
cytoskeleton. The key cytoskeletal structures involved in active force generation
are stress-fibers (SFs), needle-shaped bundles of actin filaments interacting
with myosin proteins (Alberts et al., 2002). Stress-fibers are connected to the
cell membrane by anchoring at complex micron-size multimolecular structures
known as focal adhesions (FAs), through which forces are transmitted to sur-
rounding tissues. In this way, cells actively sense the mechanical properties of
their environment and respond to the stress in the ECM by remodeling the
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actin cytoskeleton and other cellular processes. This feedback, in turn, induces
changes in their contractile forces, migratory activity and orientations.

1.3.2 The collagen architecture mechanoregulation

Within the ECM, collagen fibers have the main load-bearing function. There-
fore, TE conditioning protocols focus on the deposition of sufficient amounts of
properly organized collagen fibers. In these conditioning protocols, mechanically
induced tissue adaptation and remodeling play a crucial role.

Figure 1.6: The figure shows a dense tract of aligned collagen fibers has formed between two
pieces of embryonic chick heart (tissue explants rich in fibroblasts and heart muscle cells),
apparently as a result of fibroblasts tugging on the collagen (Stopak and Harris, 1982)

Generally, TE heart valves are exposed to flow-based, static and intermittent
strain-based mechanical loading resulting in superior tissue formation with non-
linear tissue-like mechanical properties (Mol et al., 2005; Neidert and Tran-
quillo, 2006; Rubbens et al., 2009). Yet, in TE constructs developed under
static loading conditions, collagen alignment is also observed. Since no external
forces are applied in the tissue developed under these conditions, it is not
completely understood how the collagen remodeling occurs. It is known that
in cardiovascular tissues, collagen is predominately produced by fibroblasts and
fibroblast-like cells (myofibroblasts). Several studies suggest a guiding role of
the cell cytoskeleton in directing collagen synthesis (Canty et al., 2006; Gealy et
al., 2009). Furthermore, cells can also rearrange the collagen fibers by exerting
contractile forces (traction) onto the fibers. Several studies show that when
encapsulated within a three-dimensional (3D) collagen type I microenvironment,
cells initially contract to compact the ECM (Grinnell et al., 2003; Guidry
and Grinnell, 1985; Pedersen and Swartz, 2005) (Fig. 1.6). Friedrichs et al.
(2007) observed that cells deform the ECM by reorienting individual collagen
fibers. Vader et al. (2009) also suggested that collagen fibers alone appear
to be mechanosensitive in the sense that they are stabilized by mechanical
strain. Therefore, the events and mechanisms involved in collagen remodeling
are largely unknown since, the cells, the mechanical loading conditions and the
collagen architecture within the tissue are highly coupled. Mathematical models
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can give insight to this interaction. They can also predict the tissue’s response to
mechanical stimuli as well as aid in the optimization of conditioning protocols.

1.4 Models for collagen remodeling

Earlier mathematical models regarding collagen remodeling focused on growth
(separability hypothesis from Rodriguez et al. (1994)). This approach was
successfully used to model cardiovascular systems by Taber and Eggers (1996),
Ambrosi and Guana (2007) and Alford et al. (2008). Yet, most studies only
considered the effect of tissue growth on the collagen fiber content, disregar-
ding collagen fiber orientation. Later, other models included orientation in
collagen fiber remodeling (Baaijens et al., 2010). Humphrey (1999) studied
collagen remodeling in soft connective tissues by considering the deposition
and degradation of collagen fibers. Boerboom et al. (2003) and Driessen et
al. (2003)a,b assumed that collagen fibers align with positive principal strain or
stress directions and that fiber content increases with fiber strain. Following this
hypothesis, they could successfully predict the typical fiber architecture found
in native arterial walls. In a next step, by assuming that fibers align in between
principal strain directions, Driessen et al. qualitatively predicted the collagen
fiber distribution in the AV based on tissue strains during diastolic loading of
the leaflets and arteries (Driessen et al., 2005, 2008). However, the majority of
these models link collagen synthesis to mechanical stimuli and therefore they
failed to describe the collagen architecture of TE samples developed under
static loading conditions. Experiments under these conditions also show a
significant compaction of the tissue (Barocas and Tranquillo, 1997; Shi and
Vesely, 2003). To account for traction induced ECM reorganization within
compacting tissue-equivalents, Barocas and Tranquillo (1997) introduced an
anisotropic biphasic theory. In their study, however, the effect of fiber alignment
on the mechanical properties of the ECM was left out of consideration.

1.5 Objectives and outline

Collagen is a crucial component of cardiovascular tissues, since it allows the
tissue to withstand its highly demanding mechanical environment. It is therefore
crucial to obtain TE constructs with collagen architectures that resemble those
of native ones. Typically, conditioning protocols are used to stimulate the
collagen synthesis. As the mechanical properties of the tissue constructs are
not yet optimal, these conditioning protocols have to be optimized. However,
the interaction between collagen remodeling and mechanical loading is complex
due to their coupled nature. Structural mathematical models are thought to
assist in studying this complex interplay. Recently, a model relating the changes
in the collagen fiber architecture to the local mechanical conditions within the
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tissue was developed (Driessen et al., 2008). Although the model succeeded
in predicting the typical helical fiber architecture found in the native arterial
wall, it failed to describe the collagen fiber architecture of TE small diameter
vessels developed under static conditions. This is because under static culture
conditions there is no external load to drive the collagen remodeling algorithm.
Therefore, the objective of the present work is to investigate collagen remodeling
in native and TE conditions. First, the native AV and PV are mechanically
characterized and the model of Driessen et al. is used to investigate the collagen
remodeling of the PV in the aortic position (Chapter 2). Secondly, growth is
incorporated in the model employing the volumetric growth theory and the
model is used to investigate collagen remodeling of TE vessels under static
loading conditions (Chapter 3). In Chapter 3, the underlying mechanism for
tissue compaction was not incorporated in the model, but assumed a priori.
Hence, a review of the mechanisms by which the cells remodel the collagen
architecture is made in Chapter 4. In Chapter 5, the hypothesis is reformulated
and collagen orientation is linked to contractile stresses that develop in the
α-actin fibers of the cell. For this purpose, two models are integrated: the first
one describes the mechanical behavior of collagen fibers and the second one
the synthesis and degradation of α-actin SFs in the cell as well as the active,
contractile forces that also develop in the cells. A feasibility study was performed
and the influence of the different parameters was evaluated. The framework was
then applied to study the collagen remodeling of TE constructs developed under
static loading conditions (Chapter 6). Finally, the most important findings are
discussed in Chapter 7, followed by their implications for future research.



Chapter 2

Mechanics of the pulmonary

valve in the aortic position

Mathematical models can provide valuable information to assess and evaluate the

mechanical behavior and remodeling of native tissue. A relevant example when

studying collagen remodeling is the Ross procedure, because it involves placing

the pulmonary autograph in the more demanding AV mechanical environment.

The objective of this study was therefore to assess and evaluate the mechanical

differences between the AV and PV and the remodeling that may occur in the

PV when placed in the aortic position. The results from biaxial tensile tests

of pairs of human AVs and PVs were compared and used to determine the

parameters of a structurally based constitutive model. Finite element analyzes

were then performed to simulate the mechanical response of both valves to the

aortic diastolic load. Additionally, remodeling laws were applied to assess the

remodeling of the PV leaflet to the new environment. The PV showed to be more

extensible and less anisotropic than the AV. When exposed to aortic pressure,

the PV leaflet appeared to remodel by increasing its thickness and reorganizing

its collagen fibers, rotating them towards the circumferential direction. Yet, this

remodeling did not result in properties that are completely identical to the AV

leaflet. To fully elucidate the potential of the PV leaflet for the Ross procedure,

the adaptive remodeling of other matrix components such as elastin should be

taken into account.

11
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2.1 Introduction

The mechanical function of cardiovascular tissue is mainly determined by the
ECM composition and structure. The matrix defines the response of the tissue to
mechanical load and can also remodel in response to changes in its environment.
Thus, an improved understanding of the adaptation capabilities of cardiac valve
ECM is essential for understanding both valve pathology and physiology and
for designing materials for valve repair or replacement. Yet, the events and
mechanisms by which the matrix remodels and adapts are largely unknown,
since the collagen architecture and the local mechanical loading condition within
the tissue are highly coupled. Mathematical models can give insight in this
interaction and in predicting the tissue’s response and adaptation.

One particular case of a tissue undergoing a strong change in mechanical envi-
ronment is the so-called Ross procedure. The operation consists of replacing the
AV by the pulmonary autograft and the use of a homograft valve instead of the
PV (Ross, 1967). This procedure is particularly attractive for children, athletes
and women of childbearing age because it eliminates the need for anticoagulation
therapy and has the potential for somatic growth.

Usage of a pulmonary autograft has several advantages, in particular its ability
to grow and its improved hemodynamics and durability (Elkins et al., 1994;
Chambers et al., 1997; Santini et al., 1997). There are, however, potential
disadvantages. In adults, the AV and PV are known to differ in morphology
and structure (Stradins et al., 2004; Vesely et al., 2000; Azadani et al., 2012;
Hokken et al., 1997) and after pulmonary autograft replacement of the AV, the
autograph is subjected to higher pressures. This mechanically more demanding
environment may cause remodeling of the autograph. The valve explants show
thickened leaflets and severe aneurysmal degeneration of the wall, which was
characterized by intimal thickening, medial elastin fragmentation, and adven-
titial fibrosis (Schoof et al., 2006; Mookhoek et al., 2010). Concern exists,
that these structural and functional changes in the implanted autograft lead to
progressive aortic root dilatation and neoaortic regurgitation.

Another limitation of the technique is the lack of long term results (Phillips,
2003; Kouchoukos, 2011). Some midterm studies however, reported absence of
autograft reoperation between 93% and 98.6% at 10 years (Rabkin-Aikawa et
al., 2004; Favaloro et al., 2008; Elkins et al., 2008; Takkenberg et al., 2009).
This range of values may be dependent on the technique employed, the surgeon
and the patient group selected. Therefore, uncertainty remains regarding the
suitability of the autograph to potentially become a viable permanent replace-
ment.

The objective of this study was, therefore, to assess and evaluate the mechanical
differences between the AV and PV and the remodeling that may occur in the
PV leaflets when placed in the aortic position. The mechanical properties of
sets of PV and AV leaflets and root sinuses from the same donor were assessed



2.2. Material and methods 13

and evaluated. Next, a structurally based model for collagenous cardiovascular
tissues (Driessen et al., 2005) was applied to describe the mechanical behavior
of the leaflets. Finite element analyzes (FEA) were performed to simulate the
mechanical response of both leaflets to a transvalvular aortic pressure load. Last,
the previous model, extended with remodeling equations for the collagen angular
fiber distribution (Driessen et al., 2008), was applied to study the remodeling
of the PV leaflets when subjected to the AV diastolic load.

2.2 Material and methods

2.2.1 Tissue preparation

Five sets of human aortic and pulmonary heart valves from patients 11 to 51
years (mean 31.8 ± 16.1 years) of age were obtained from Dutch postmortem
donors, giving permission for research. The valves, which were assessed to
be unfit for implantation, were obtained from the Dutch Heart Valve Bank
(Erasmus University Medical Center, Rotterdam, The Netherlands). All valves
were structurally and mechanically unaffected. Previous studies suggest that
the study of tissue (mechanical) properties can be done in cryopreserved heart
valves, since the structural integrity of collagen and elastin (Gerson et al., 2009)
and mechanical properties (Virues Delgadillo et al., 2010) is not affected by the
applied cryopreservation protocol. Furthermore, valvular disease or conditions
known to precede valvular disease were not related to the cause of death of the
donors.

The cryopreserved valves were stored at −80◦C. Prior to the ECM analysis
and mechanical testing, the valves were thawed according to the guidelines of
the Dutch Heart Valve Bank. Briefly, the package containing the cryopreserved
homograft was gently agitated in warm saline (±40◦C) to dissolve ice-crystals
and soften the graft. After thawing, the package containing the valve was opened
and deposited in phosphate buffered saline (PBS; Sigma-Aldrich, St. Louis,
USA) to allow dimethyl sulfoxide (DMSO) to dilute from the tissue into the
solution. Immediately after thawing, the cups and the root sinuses were carefully
excised from the intact heart valves using a scalpel. The specimens were cut
according to a cutting scheme: the samples for the mechanical testing were
cut in a square shape, using parallel razor blades (n=21 for the AV leaflets,
n=26 for the PV leaflets, n=32 for the AV root and n=31 for the PV root).
Each specimen had a dimension of 6 × 6 mm and its edge was aligned with
the circumferential and radial axes. Mechanical testing was performed within
48 hours after thawing.

The leaflet specimen thickness distribution was obtained using a SensoFar PLμ
2300 optical imaging profiler (SensoFar-Tech, Barcelona, Spain) and the average
thickness of each sample was measured. The sinus specimens thickness was
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measured using a digital caliper. Three thickness measurements were made and
averaged for the thickness of each sinus sample.

2.2.2 Experimental protocol

The specimens were placed in aluminium foil and kept hydrated. The specimens
were then mounted on a BioTester 5000 test device (CellScale, Canada) using a
BioRakes mounting system with pins with 0.7 mm tine space. These BioRakes
had negligible values of force due to pin deflection for stretches lower than
200%. To produce visual surface texture, the tissue was sprinkled with graphite
particles. The samples were then tested while submersed in phosphate buffered
saline (PBS) to mimic natural conditions.

The samples were biaxially tested according to the protocol described in Ap-
pendix A. Briefly, the samples were stretched to peak values εCC and εRR, where
subscripts C and R correspond to the circumferential and radial directions,
respectively. The complete biaxial testing regime consisted of 6 groups of 5
protocols. The first protocol’s group of strain ratios was defined as εCC : εRR =
0 : 60, 11.5 : 55, 23 : 23, 24 : 11.5, 25 : 0(%). The strains were then sequentially
increased during the next 5 protocol’s groups in steps of 5% or 10% until the last
set group εCC : εRR = 0 : 110, 49 : 105, 78 : 78, 79 : 49, 80 : 0(%) was performed.
The samples were left to recover for 1 min between protocols. Due to their
viscoelastic properties (Lee et al., 1984), the specimens were preconditioned for
10 contiguous cycles to the maximum εCC and εRR of the protocol group, before
each protocol group. The strain rate in the radial and circumferential direction
was defined as l0/min. As the specimens were stretched, images were captured
using a 1280 × 960 pixel charge-coupled device (CCD) camera at a sampling
frequency of 5 Hz. The protocol group that more closely achieved the valve
working tension, estimated to be approximately 60 N/m for AV leaflets and
30 N/m for the PV (Mayne et al., 1989; Billiar and Sacks, 2000), was chosen
for analysis.

The software provided with the BioTester (CellScale, Canada) was used to define
a grid of 25 points on the interior portion of the specimen to track point motions.
With the configuration of the grid in both undeformed and deformed situations,
the 2D deformation tensor F was determined for each grid point, using a second-
order method to compute strains from the discrete set of displacements (Geers
et al., 1996). The undeformed situation was defined as the first image of the
protocol.
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2.2.3 Constitutive equations

Constitutive law

The native heart valve was modeled as an incompressible fiber-reinforced tissue
(Lanir, 1983; Holzapfel et al., 2000). The total Cauchy stress σ consists of the
hydrostatic pressure p and the extra stress τ :

σ = −pI + τ. (2.1)

The extra stress was split into an isotropic matrix contribution and an anisotropic
fiber contribution (van Oijen, 2003):

τ = τ̂ +

N∑
i=1

φi
f

(
ψi

f − �e i
f .τ̂ .�e

i
f

)
�e i

f �e
i

f , (2.2)

with τ̂ the isotropic matrix stress, φf the fiber volume fraction, ψf the fiber
stress, �ef the current fiber direction and N the number of fiber directions.

The isotropic matrix stress was modeled as a Neo-Hookean material with a
shear modulus G. For the fibers, the following constitutive equation was used
(Holzapfel et al., 2000):

ψf = k1λ
2
f

[
ek2(λ2

f−1) − 1
]
, (2.3)

where k1 [N/mm2] and k2 [-] are material constants. The current fiber direction
�ef can be calculated from the fiber direction in the undeformed configuration
�ef0 with the relation:

λf�ef = F.�ef0 (2.4)

with λf the fiber stretch λf =
√
�ef0.C.�ef0 and C = FT.F the right Cauchy-

Green deformation tensor.

The angular fiber distribution was incorporated into the constitutive model by
specifying an appropriate set of fiber directions �ef0 and fiber contents φf . For
that purpose, the fiber directions were defined as:

�ef0 (γi) = cos (γi)�v1 + sin (γi)�v2 (2.5)

where γi was defined with respect to �v1 in the plane spanned by �v1 and �v2 (Fig.
2.1 ). The vectors �v1 and �v2 are defined in Section 2.2.3.

For the fiber volume fraction, a periodic version of the normal probability
distribution function was used:
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Figure 2.1: Schematic representation of the angular fiber distribution function. Indicated are
the main fiber angle α, the dispersity β, and the local directions �e1 and �e2

φi
f = A exp

[
cos [2(γi − α)] + 1

β

]
(2.6)

with α the main fiber angle and β the dispersity of the fiber distribution function.
The scaling factor A was obtained by defining the total fiber content to be equal
to φtot.

A =
φtot

N∑
i=1

exp

[
cos [2(γi − α)] + 1

β

] (2.7)

Collagen fiber remodeling

To model the fiber distribution, it was assumed that the preferred main fiber
direction αp is located in between �v1 and �v2. Thus, stimulus functions g1 and
g2 were introduced in the direction of �v1 and �v2 (Driessen et al., 2008), and the
value of αp was then defined as:

αp = arctan (g2/g1) . (2.8)

Two preferred main fiber orientations located at γ = ±αp were used to preserve
material symmetry. The preferred value of the fiber dispersity was given by:

βp =

{
k

(g1/g2)−1 , if g1 ≥ g2
k

(g1/g2)−1 , if g1 < g2
(2.9)

with k a scaling factor.

Eqs. 3.16 and 3.17 imply that for g1 � g2 or g2 � g1 a uniaxial fiber distribution
(i.e. βp → 0) is obtained with the preferred fiber distribution close to �v1 (i.e.
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(a) (b)

Figure 2.2: (a) Definition of the preferred main fiber angle αp in respect to the stimulus
functions g1 and g2. (b) Preferred dispersity βp as a function of the ratio of the stimulus
function g1 and g2. (Modified from Driessen et al. (2008))

αp → 0◦) or �v2 (i.e. αp → 90◦), respectively. Finally, when g2 � g1 a uniform or
isotropic fiber distribution (i.e. βp → ∞) with the preferred fiber direction αp →
45◦ is predicted (Fig. 2.2). To avoid numerical problems with the expression for
βp in Eq. 3.17, the maximum and minimum values of the preferred dispersity
were set to 100 and 0.1, respectively.

The evolution of the main fiber direction and dispersity of the fiber distribution
function were modeled by a first order rate equation:

dα
dt = 1

τa
(αp − α)

dβ
dt = 1

τb
(βp − β)

(2.10)

with τa and τb the time constants of the remodeling process. These parameters
were set to 10 to avoid numerical problems.

Stimulus function

For the stimulus functions gi(i = 1, 2), a strain-based and a stress-based ap-
proach were adopted (Driessen et al., 2008). For the strain-based remodeling
algorithm, the stimulus functions were related to the stretch λi:

gi =

{
λχ

i − 1, if λi ≥ 1
0, if λi < 1

(2.11)

where χ is the power of alignment. For the stress-based approach, the stimulus
functions were set equal to the extra stresses τi:
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gi =

{
τχ
i , if τi ≥ 0

0, if τi < 0.
(2.12)

with χ the power of alignment.

Equations (3.16), (3.17), (3.19) and (3.20) result in an alignment of all fibers
with the major loading direction (αp = 0o, βp = 0) in case of uniaxial loading
conditions (g1 �= 0 and gz = 0 or g1 = 0 and g2 �= 0). For biaxial loading
conditions (g1 �= 0 and g2 �= 0), the fibers are located in between �eθ and �ez with
the ratio of the stimulus functions dictating the value of the main orientation
and dispersity. In case of an equibiaxial loading condition (g1 = g2), the fibers
are uniformly distributed in the plane of �v1 and �v2 (Fig. 2.2).

Balance equations

Finite element analyzes (FEA) were performed to simulate the mechanical
response of the native valve during pressurization. Assuming incompressibility,
the continuity equation reduces to:

J − 1 = 0 (2.13)

where the volume factor J = det(F) defines the ratio of the volumes in the
deformed and undeformed configuration. The conservation of momentum, ne-
glecting body forces and inertia was written as:

�∇.σ = �0 (2.14)

The balance equations were solved using the finite element package SEPRAN
(Segal, 1984). A mixed formulation was used to account for incompressibility
and the set of interpolation functions for the displacement and pressure field
had to satisfy the Babuska-Brezzi condition. A hexahedral Taylor-Hood element
was used with a linear (continuous) interpolation for the pressure field and a
quadratic interpolation for the displacement field.

Geometry and boundary conditions

Due to symmetry, 1/6 of a valve was used for the FEA (Fig. 2.3). The radius
was set to 12 mm and the thickness was obtained from the experimental results
(0.82 mm for the AV and 0.62 mm for the PV). At the symmetry surface, the
normal displacements were suppressed. The displacements at the bottom curve
of the fixed edge were also suppressed (stented valve). At the free edge, a contact
surface was defined to model contact between the leaflets (i.e. coaptation). On
the top surface, a transvalvular pressure was applied. The pressure value was
chosen to represent the AV pressure ( 12 kPa). To assure numerical stability, a
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Figure 2.3: Heat valve leaflets mesh (modified from Driessen et al. (2005)).

value of 5 was added to the shear modulus G obtained from the experimental
results.

In the leaflets, the directions �v1 and �v2 were obtained from the principal loading
directions with isotropic mechanical properties (Driessen et al., 2008). The
direction �v1 was chosen to coincide with the principal loading direction. The
direction �v2 is constructed perpendicular to the direction �v1 and to the normal
of the plane of the leaflet (�n).

Figure 2.4: Local direction �v1 (left) and �v2 (right) in the undeformed configuration of the
valve leaflets
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2.2.4 Parameter estimation

Based on values in literature for native heart valves (Bashey et al., 1967; Li et
al., 2001), the total fiber volume fraction φtot was set to 0.5. The results of a
group of 5 protocols independent biaxial tensile tests (defined in Section 2.2.2)
were fitted simultaneously to estimate the material parameters (G, k1, k2, α
and β) by minimizing the stretch based nonlinear error function:

Error = wc

nc∑
i=1

(σexp,i
c − σnum,i

c )2 + wr

nr∑
i=1

(σexp,i
r − σnum,i

r )2 (2.15)

where σ denotes the sample stress, w is a weighting factor and n is the num-
ber of data points. The subscripts c and r indicate the circumferential and
radial directions, respectively, whereas the superscripts exp and num refer to
experimental data and the values predicted by the constitutive model. The
matrix parameter G was fit to the initial part of the curve, while the remaining
parameters were fit to the complete curve. Per specimen, all parameters were
obtained and the averaged parameters of all specimens were used for analysis.

2.2.5 Statistical analysis

All data were presented as means and standard error of the mean. The data was
assumed to follow a normal distribution and therefore, a t-test was performed
to check for significance in difference between the AV and the PV parameters.
Statistical significance was assumed for P < 0.05.

2.3 Results

2.3.1 Mechanical properties

The constitutive model fitted the experimental data of the leaflets (Fig. 2.5)
and the roots (Fig. 2.6) well. The stress-stretch curves and the estimated values
of the model parameters (Table 2.1 for the leaflets and Table 2.2 for the roots)
indicated that the AV leaflets and root were less extensible than the pulmonary
tissues. Results also showed that the AV leaflets were more anisotropic than the
PV leaflets however, for the roots the opposite was observed. These differences
were due to structural and morphological differences between the AV and PV.
Structurally, both the leaflets and the roots showed a collagen distribution with
a significantly different dispersity β (P < 0.05 for the leaflets and P < 0.01
for the roots). A larger or smaller value for β implies that the fibers are
distributed more or less uniformly and, consequently, the mechanical responses
in the circumferential and radial directions are more or less similar, respectively.
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Furthermore, the AV and the PV roots also showed a significant difference in
the parameter k1 (P < 0.05). A higher value for this parameter implies that
the collagen fibers have a more pronounced non-linear behavior. The matrix
properties also differed for the leaflets and roots, indicated by significantly
different G moduli (P < 0.05 for the leaflets and P < 0.01 for the roots). This
parameter dictates the slope of the initial part of the curve. Morphologically,
the leaflets and root of the AV were significantly thicker when compared to the
PV (P < 0.01 for the leaflets and P < 0.05 for the root).

2.3.2 Mechanical behavior

The simulated stress-stretch curves of a node in the belly region of the AV and
PV leaflets after aortic pressurization are shown in Figure 2.7. It is noticeable
that both valves responded similarly to the aortic diastolic pressure. Yet, the
PV leaflets behaved less anisotropic than the AV leaflets, which was a result
of the large dispersity of the PV collagen distribution as compared to the AV.
A larger value for the dispersity implies that the fibers are distributed more
uniformly and, consequently, the mechanical responses in both directions are
more similar. Furthermore, the PV leaflets appeared to be more extensible and
reach higher stresses than the AV leaflets.

Figure 2.7: Simulated evolution of the stretches and stresses in the circumferential and radial
directions of a node in the belly region of the AV leaflets (black) and the PV leaflet (grey)

The simulated evolution of the leaflets symmetry line (Fig 2.3) during pressure
application is shown in Figure 2.8. Due to the collagen organization, the PV
leaflets deflected more in the radial direction than the AV leaflets. As a result,
the deformed configuration of the PV leaflets showed a smaller coaptation
surface than the AV leaflets.
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Figure 2.8: Simulated evolution of the leaflets’ symmetry line (x = 0 cm ) in the (y,z)-plane
during pressure application. The maximum and minimum value of y correspond to the fixed
edge and free edge (nodulus of Arantius), respectively. (a) is obtained with the parameters of
the AV leaflet, (b) with the parameters of the PV leaflet

2.3.3 Remodeling

To investigate potential remodeling of the PV leaflets towards the AV tissue
when subjected to the diastolic aortic pressure, three remodeling responses were
investigated:

Case 1 The thickness parameter T was increased while maintaining the total
collagen volume fraction constant (φtot = 0.5).

Case 2 The thickness parameter T was increased while keeping the absolute
collagen content value constant (decreasing φtot proportionally).

Case 3 The remodeling of the PV’s collagen distribution parameters α and β
was investigated.

An overview of the parameter variations performed in Case 1 and 2 is given in
table 2.3. Utilizing these parameters, the stress-stretch curves of the AV and
PV leaflets were obtained and are shown in Figure 2.9 and 2.10, respectively.
The stress-stretch curves were taken from a node in the AV and PV leaflets belly
region during pressurization. For the AV, the experimentally obtained thickness
was considered, while for the PV the influence of an increased thicknesses was
investigated. Figure 2.9 shows that when the thickness of the PV increased, the
nodal maximum stress decreased. This trend is also observed in Figure 2.10,
when maintaining the absolute collagen content constant. Yet, the decrease
in collagen volume fraction resulted in a slight decrease in the stiffness of the
curves.
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Table 2.3: Overview of the analysis performed for the pulmonary leaflet to study its remodeling
in the aortic position (Case 1 and 2). “ - ” indicates that the parameters are equal to their
reference values

Case Thickness (T) Total volume fraction (φtot)
1a 0.71 -
1b 0.81 -
2a 0.71 0.43
2b 0.81 0.38

For Case 3, the remodeling parameter χ was first estimated for both the strain
and stress dependent algorithms (Eq. 3.19 and Eq. 3.20, respectively) to better
describe the fitted collagen distribution parameters of the AV leaflets. Numerical
simulations of the leaflet pressurization were performed. Afterwards, the colla-
gen architecture parameters α and β were left to remodel until stable values were
obtained. To start with an isotropic fiber distribution, the initial α and β were
set to 14.85◦ and 100, respectively. For the strain dependent algorithm, χ = 0.1
was obtained and for the stress dependent algorithm χ = 1.0, respectively. The
acquired collagen remodeling parameters α and β are summarized in Table 2.4.
The values obtained with the stress dependent algorithm approximated better
the fitted collagen architecture parameters. This was also observed when using
the estimated α and β to characterize the stretch-stress curve of a node in the
belly region (Fig. 2.11). Results showed that the stress-stretch curve obtained
with this algorithm (blue curve in Figure 2.11) approximated better the AV
leaflet stress-stretch curves (black curve in Fig. 2.11). Higher values for the
same parameters were obtained when a strain dependent algorithm was applied.
This was characteristic for a more isotropic average collagen distribution that
resulted in a more isotropic mechanical response (red curve in Fig. 2.11).

Table 2.4: Overview of the experimental and remodeled collagen architecture parameters of
the AV and PV leaflets in the aortic position (Case 3)

AV PV
χ α β α β

Fitted - 14.85 0.21 21.62 0.30
Remodeled (Stress) 1.0 13.90 0.26 12.70 0.26
Remodeled (Strain) 0.1 25.20 0.57 25.66 0.47

The remodeling of the PV in the aortic position was then investigated. The
estimated χ values of the AV leaflet were used and the initial values for α and
β were set to 21.62◦ and 100, respectively. The obtained α and β are shown in
Table 2.4 and the resulting stretch-stress curves of a node in the belly region are
shown in Figure 2.12. The stress dependent algorithm resulted in a decreased α,
i.e. in the rotation of the collagen fibers towards the circumferential direction.
In contrast, the rotation of the fiber away from the circumferential direction was
predicted with the strain dependent algorithm. Observed differences in the final
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collagen architecture were due to the different distribution of the principal strain
and stress directions in the leaflets (Fig. 2.13). The remodeled stress-stretch
curves (blue and red curve in Fig. 2.12) and the AV leaflet stress-stretch curve
(black curve in Fig. 2.12) were not completely identical. This shows that
collagen remodeling alone was not sufficient for a complete remodel of the PV
leaflet towards an AV leaflet.
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Figure 2.9: Simulated evolution of the stretches and stresses in the circumferential and radial
directions of a node in the belly region. The curves were obtained from the AV leaflets
(black), the PV leaflet with the native thickness value (grey) and with increased thickness
while maintaining φtot constant (blue and red).

0.9 1 1.1 1.2 1.3 1.4
0

50

100

150

200

250

300

stretch ratio λ [−]

ca
uc

hy
 s

tr
es

s 
σ

 [k
Pa

]

 

 

AVL − circ
AVL − rad
PVL − circ
PVL − rad
Case 2a − circ
Case 2a − rad
Case 2b − circ
Case 2b − rad

Figure 2.10: Simulated evolution of the stretches and stresses in the circumferential and radial
directions of a node in the belly region. The curves were obtained from the AV leaflets (black),
the PV leaflet with the native thickness value (grey) and with increased thickness maintaining
the absolute collagen content constant (blue and red).
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Figure 2.11: Simulated evolution of the stretches and stresses in the circumferential and radial
directions of a node in the belly region. The curves were obtained from the AV leaflets with the
α and β found in Table 2.4. The values utilized were experimentally fitted (black), numerically
estimated with a remodeling stress based algorithm (blue) and with a remodeling strain based
algorithm (red)
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Figure 2.12: Simulated evolution of the stretches and stresses in the circumferential and radial
directions of a node in the belly region. The curves were obtained from the AV and PV leaflets
with the α and β found in Table 2.4. The values utilized were experimentally fitted from AV
data (black), PV data (grey) and numerically estimated for the PV leaflet with a remodeling
stress based algorithm (blue) and with a strain based algorithm (red)

2.4 Discussion

In the present study, a structure-based model was applied to assess and evaluate
the mechanical properties of pairs of human aortic and pulmonary donor valves.
The model was employed to evaluate and demonstrate valvular behavior in the
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Ross procedure. Furthermore, remodeling laws were applied to assess the change
in properties of the PV leaflet in the aortic position. The results from biaxial
tensile tests were used to determine the model parameters. When comparing
the results of both valves, it was observed that the PV leaflet and root were
more extensible than the AV tissues. The PV leaflets were also less anisotropic
than the AV leaflets however, for the root the opposite was found. Results also
showed that the AV leaflets and root were thicker than the PV leaflets and
the AV root had a more pronounced non-linear behavior than the PV tissue.
When subjected to the aortic diastolic pressure, the simulated stresses in the
PV leaflet tissue were also higher and the simulated coaptation area was smaller
than in the AV leaflets. Furthermore, our study suggests that the PV leaflets
appear to remodel by increasing their thickness and rotating their fibers towards
the circumferential direction. However, this remodeling was not sufficient for a
complete remodeling of the PV leaflet towards an AV structure.

Previous studies comparing the AV and PV leaflet mechanical properties showed
minimal differences between these structures, both for human (Stradins et al.,
2004) and porcine tissues (David et al., 1994). However, Joyce et al. (2009) has
showed that the AV and PV porcine leaflets have differences in functionality.
In their study, the AV cusps in the unloaded configuration demonstrated sub-
stantial regional variations in fiber alignment, whereas the PVs cusps were more
uniform. Moreover, the AV leaflets demonstrated substantially larger changes
in collagen fiber alignment with applied transvalvular pressure compared to the
PV leaflets. Their results are in accordance with the differences in collagen
architecture found in our study.

Figure 2.13: Representation of the principal strain (left) and stress (right) directions of the
PV leaflet, obtained with the experimentally measured α and β found in Table 2.4.

The aortic and the pulmonary sinuses had more structural differences than the
leaflets, especially regarding their isotropic matrix properties. All the matrix
components (e.g. proteoglycons and elastin) with exception of collagen were
described in the isotropic matrix part of the theoretical model. Therefore,
the difference in elastin arrangement between human valve sinuses found by
Azadani et al. (2012) may explain the differences in G modulus found in our
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work. Matthews et al. (2010) also reported histologically differences between
the sinuses of porcine valves. In their study, the aortic root showed higher
elastin content and denser fiber weaves than the pulmonary root. Moreover,
both studies (Azadani et al., 2012; Matthews et al., 2010) also reported that
pulmonary sinuses are significantly stiffer than the aortic sinuses at systemic
pressure corrugating our results regarding the differences in k1. However, any
of the aforementioned studies focused on the arrangement of the collagen fibers,
only reporting similarities in collagen content.

The different collagen architecture between the AV and PV leaflets resulted
in a more isotropic stress-stretch curve of the PV when subjected to the AV
environment. As a consequence, the stresses in the PV leaflet were higher
than in the AV leaflet and the tissue was less extensible in the radial direction,
thereby reducing the coaptation area. The differences in coaptation area might
explain the suboptimal coaptation in Ross procedure leaflets, because the radial
extensibility appears to be important in establishing sufficient contact between
the leaflets to prevent prolapse (Thubrikar et al., 1986; Schoen and Levy, 1999).

Regarding the remodeling of the collagen architecture, the stress based algo-
rithm was able to describe the collagen orientation parameters fitted to the
experimental data of the AV leaflets. In contrast, the strain based algorithm
resulted in a more isotropic average collagen orientation. The remodeling of the
PV leaflet when subjected to diastolic aortic pressure was then assessed. The
same remodeling parameter values obtained for the AV leaflet were applied. Re-
sults showed that this tissue remodeled by increasing its thickness and rotating
the collagen fibers towards the circumferential direction. Yet, the remodeling
was not sufficient for the complete remodeling of the PV leaflet towards an AV
leaflet. Moreover, the model also suggests that the increase in collagen content
appears not to be relevant for the valve survival in the new environment. Schoof
et al. (2006) and Mookhoek et al. (2010) also observed increase in thickness of
the leaflets and no changes in collagen content when analyzing valve explants
from patients that went through Ross procedure. It would also be expected that
the PV leaflet collagen fibers would rotate to become more similar to the fiber
architecture of the AV leaflet. When applying the remodeling law, this result
was only obtained when a stress based stimulus was applied, suggesting that
collagen remodeling is stress driven. Yet, further experiments with respect to
the collagen architecture in Ross explants are necessary to support this finding.

In this study, focus was given on the mechanical characterization of the sinuses
which is insufficient to fully characterize the mechanical behavior and remode-
ling of the root. This complex structure also includes other parts such as the
annulus, inter-triangles and anterior muscle structures. Accurate reconstruc-
tions of the AV and PV root should be obtained, incorporating the different
components of the structure. Imaging techniques such as magnetic resonance
imaging (MRI) or computer tomography (CT) are commonly used for arterial
reconstruction (Long et al., 1998; Antiga et al., 2002) and may also be employed
here. Yet, some speculations can be made. The AV root appears to be less
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extensible than the PV root due to the difference in G modulus. The stresses in
the PV root must also be higher than in the AV tissue due to the difference in
thickness. Therefore, it is thought that the PV root structures remodel to reduce
the maximum stress by increasing in thickness. Likewise, the extensibility would
be reduced by rotating the collagen fibers towards the circumferential direction.
However, the variations in the shear modulus found between the AV and PV
leaflets, and even more accentuated between the roots, suggest that the PV root
would not completely remodel towards an AV root. Furthermore, the differences
between the remodeled PV root and the AV root would be larger than for the
leaflets. When studying valve explants from patients that went though Ross
procedure, Schoof et al. (2006); Mookhoek et al. (2010) showed that indeed
the valve’s wall was characterized by severe aneurysmal degeneration,indicated
by intimal thickening, medial elastin fragmentation, and adventitial fibrosis.
Elastin mechanical properties are included in the numerical isotropic matrix.
This protein is known to provide the tissue with resilience and elasticity (Vesely,
1998; Holzapfel et al., 2000). The disturbance in the protein homeostasis is
believed to represent an underlying cause of valve replacement failure (Schoof
et al., 2006) and the formation of aneurysms (Anidjar et al., 1990). In vitro,
mechanical conditioning tends to increase elastin synthesis by vascular smooth
muscle cells, although the effects are sensitive to straining magnitude and mode
(Isenberg and Tranquillo, 2003). Therefore, after Ross procedure, the systolic
blood pressure should be temporary controlled, to allow adaptive remodeling of
the autograft.

When performing the biaxial tensile tests, the samples were held by metal
pins that penetrated in the tissue. During the tensile test, the holes made
by these pins increased in size damaging the tissue. This limitation of the
method may have influenced our results by increasing the toe region of the
stretch stress curve and decreasing the maximum stress. In the finite element
simulations, homogeneous properties were assumed for the entire leaflet. Yet,
it is known that these material properties (including the tissue thickness) are
heterogeneous (Billiar and Sacks, 2000) and should thus be measured locally
and incorporated in the model. In addition, when fitting the constitutive
model to the experimental data, the shear modulus was obtained from the
initial 20% of the curve only considering the isotropic part of the model. This
methodology provided a more representative value for G and a decrease in
parameters when fitting to the experimental curve. Furthermore, based on
measurements obtained from native porcine leaflets (Billiar and Sacks, 2000a),
a Gaussian function is assumed for the fiber distribution and the main fiber angle
α and standard deviation β were estimated by the parameter fitting algorithm.
Several techniques exist to determine the collagen architecture quantitatively
and experiments on native tissues should be performed. Techniques such as
small angle light scattering (Billiar and Sacks, 2000; Sacks, 2003), polarized
light microscopy (Finlay et al., 1995; Canham et al., 1997), confocal (reflection)
laser scanning microscopy and two-photon microscopy, using fluorescent probes
to label collagen (Rubbens et al., 2009; Soares et al., 2011) can be used to assess
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the collagen architecture. It may then be possible to incorporate the measured
fiber distribution directly into the model, thereby further reducing the number
of model parameters. At larger strains, the experimentally measured mechanical
responses tended to behave more linear than the exponential constitutive model
of the fibers (Fig. 2.2). Models that account for fiber recruitment (Sacks,
2003) might be more appropriate to describe this phenomenon. In addition, the
current model focussed mainly on the collagen thickness and fiber orientation
however, the effect of remodeling on other collagen fiber properties such as
cross-linking should also be addressed when studying the remodeling in native
cardiovascular tissues. It is known that in response to environmental cues,
collagen fibers can also increase in size and become crosslinked (Clark, 1996;
Rubin and Farber, 1998).

Despite the limitations, our study revealed structural differences between the
AV and PV, more accentuated for the root than for the leaflet. These variations
resulted in a more extensible and less anisotropic behavior of the PV leaflet as
compared to the AV leaflet. When exposed to aortic pressure, the PV leaflet
appeared to remodel by increasing its thickness and reorganizing its collagen,
rotating it towards the circumferential direction. Yet, this remodeling did not
result in properties that are completely identical to the AV leaflet. To fully
elucidate the potential of the PV leaflet for the Ross procedure, the adaptive
remodeling of other matrix components such as elastin should be taken into
account. Also, a better understanding of the native tissue properties and their
adaptation capabilities to different mechanical environments, as shown in this
study, can be used to optimize mechanical conditioning protocols in heart valves
TE.
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Chapter 3

Collagen remodeling due to

compaction in small vessels

under tissue engineering

conditions

Mechanical loading protocols in TE aim to improve the deposition of a properly

organized collagen fiber network. Yet, these conditioning protocols also result

in tissue compaction. Besides being beneficial to collagen alignment, tissue

compaction also lead to a loss of functionality of the TE construct due to changes

in geometry after culture. Here, a mathematical model is presented to relate the

changes in collagen architecture to the local compaction within a TE small blood

vessel. It is assumed that under static conditions, compaction is the main factor

responsible for collagen fibers organization. An existing structurally-based model

is extended to incorporate volumetric growth and outcomes a helical collagen

fiber distribution along the vessel wall when a stress stimulus is applied. The

model describes well the data from the TE small blood vessels. Furthermore, our

results suggest a stress stimulus for the remodeling of collagen, assuming that

cell traction is responsible for collagen orientation.

The content of this chapter is based on the publication: Soares, M., Stekelenburg, C. W.
J., Baaijens, F. P. T.: 2011, Remodeling of the collagen fiber architecture due to compaction
in small vessels under tissue engineered conditions, J. Biomech. Eng., 133(7).
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tissue engineering conditions

3.1 Introduction

The goal of small vessel tissue engineer (SVTE) is to create functional living
tissue-equivalents with mechanical properties that ideally, resemble those of
native arteries. Commonly, the SVTE approach involves seeding autologous
cells onto a biodegradable scaffold and delivering the suitable environmental fac-
tors (biochemical and biomechanical stimuli) during culture, via a conditioning
protocol, to induce tissue formation and remodeling (Langer and Vacanti, 1993;
Niklason et al., 1999; Butler et al., 2000). The main focus of the conditioning
protocols is the deposition of a properly organized collagen fiber network, since
the mechanical properties of the cardiovascular tissue are mainly determined by
this network (Lanir, 1983; Holzapfel et al., 2000; Sacks, 2003). Among other
functions, this collagen network allows the tissue to withstand the pressure
caused by the blood flow and provides the tissue with its strength.

The interaction between collagen remodeling and mechanical loading is complex
due to their coupled nature. Structural mathematical models are thought to
assist in studying this complex interplay, predicting the tissue’s response to
mechanical stimuli and aiding in the optimization of conditioning protocols.
Recently, a model relating the changes in the collagen fiber architecture to the
local mechanical conditions within the tissue was developed (Driessen et al.,
2008). Although the model succeeded in predicting the typical helical fiber
architecture found in the native arterial wall, it failed to describe the collagen
fiber architecture of SVTE constructs developed under static culture conditions.
This is because under static culture conditions there is no external load to drive
the collagen remodeling algorithm developed in Driessen et al. (2008).

During SVTE, in addition to collagen remodeling, the conditioning protocols
also result in a significant compaction of the tissue (Mol et al., 2005; Dahl et
al., 2007; Stekelenburg et al., 2009). This is observed by a decrease in thickness
of the constructs and a retraction of the tissue after culture when removed from
their boundary conditions (Holzapfel et al., 2000). The tissue compaction that
is observed during culture is assumed to be the net result of degradation of
scaffold and cell carrier components used during cell seeding, tissue formation
and cellular contraction. Therefore, we hypothesize that stresses and strains
that develop in the tissue construct as a result of the tissue compaction are
responsible for the collagen fiber organization. To test the hypothesis, it is
desirable to include compaction (inverse growth) in the theory when studying
the collagen remodeling in SVTE.

Most studies regarding vascular growth focus on the separability hypothesis
(Rodriguez et al., 1994). In this hypothesis simultaneously occurring growth
and deformation are decomposed into a growth deformation element and an
elastic deformation element, the later being caused by forces acting on the tissue.
Consequently, if growth is measured, the hypothesis provides a method to obtain
the other decomposition element, the elastic deformation. This hypothesis
was successfully used to model cardiovascular systems by Taber and Eggers
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(1996), Taber (1998), Ambrosi and Guana (2007), Ambrosi and Guillou (2007)
and Alford et al. (2008). However, some of those models only consider the
effect of tissue growth on the collagen fiber content disregarding collagen fiber
orientation. Also, to our knowledge, no study has been published that reports
the remodeling SVTE constructs incorporating both collagen fiber orientation
and tissue growth.

The aim of the present study is to examine if tissue compaction, as postulated
by an inverse growth model, can explain the experimentally observed collagen
orientation in SVTE. Volumetric growth is incorporated in the model of Driessen
et al. (2008), thus relating the local compaction within the tissue of the SVTE
to its changes in the collagen fiber architecture. The mechanism for tissue
compaction itself is not incorporated in the proposed model, but assumed a

priori.

3.2 Material and methods

3.2.1 Tissue engineered small vessel boundary conditions

(a) (b) (c)

Figure 3.1: Bioreactor set-up. The tubular construct is mounted over a silicone tubing (a) in
the bioreactor (b) and fixed by sutures (c).(Modified from Stekelenburg (2006))

Small diameter blood vessels constructs were obtained as described by Stekelen-
burg et al. (2009). Briefly, the tubular constructs were engineered using a fast-
degrading polyglycolic acid (PGA) scaffold coated with poly-4-hydroxybutyrate
(P4HB). The tubular constructs were then slid over a silicone tubing, mounted
in a sterile bioreactor and fixed by sutures (Fig. 3.1). The silicone tubing assures
a constant internal radius and the sutures ensure a constant length. Afterwards,
the constructs were seeded with human myofibroblasts using a fibrin gel as cell
carrier and cultured under static loading conditions in the bioreactor for 4 weeks.
After the culture period, the SVTE constructs were evaluated by measuring their
thickness. The decrease in thickness was used to estimate volume compaction.
The collagen fiber orientation was also obtained with two-photon laser scanning
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confocal microscopy (TPLSCM) following the protocol as described by Rubbens
et al. (2009).

3.2.2 Volumetric growth

Figure 3.2: Schematic representation of growth. Three configurations of a growing body:
original stress-free configuration B(t0), stress-free configuration after growth B(t1) and loaded
configuration B(t). The deformation tensor Fg maps from B(t0) to B(t1), F∗ maps from B(t1)
to B(t) and F from B(t0) to B(t). (Modified from Taber and Eggers (1996) and Rodriguez
et al. (1994))

The model by Driessen et al. (2008) was extended to include volumetric growth
via the theory of Rodriguez et al. (1994). Growth is modeled as a deformation
of the stress-free configuration B(t0 ) to a new stress free configuration state
B(t1 ). The deformation between these two states is described by the growth
deformation tensor Fg (Fig. 3.2). The growth deformation tensor Fg takes the
form:

Fg = ξI (3.1)

when assuming an equal deposition/absorption of constituents in all directions
(isotropic growth) with ξ the growth parameter and I the identity matrix.
The deformation from B(t1 ) to B(t) is quantified by the elastic deformation
tensor F∗. Furthermore, a tensor F is defined that transforms the unloaded
configuration B(t0 ) into the grown configuration B(t):

F = F∗.Fg. (3.2)

Since change in tissue volume is only related to Fg,F
∗ is isochoric and the

volume changes during growth are specified by the determinant of Fg:
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J ∗ − 1 = 0 (3.3)

ξ = det(Fg)
1

3 =

(
V

V0

) 1

3

, (3.4)

where J ∗ = det (F∗) and represents the volume change between the intermedi-
ated configuration B(t1 ) and the grown configuration B(t). V0 and V stand
for the tissue volumes before and after growth, respectively.

3.2.3 Computational model

Constitutive law

The engineered vessel is modeled as an incompressible fiber-reinforced tissue
(Holzapfel et al., 2000; Driessen et al., 2005). The total Cauchy stress σ consists
of the hydrostatic pressure p and the extra stress τ :

σ = −pI + τ . (3.5)

The extra stress is split into an isotropic matrix contribution and an anisotropic
fiber contribution (van Oijen, 2003):

τ = τ̂ +

N∑
i=1

φi
f

(
ψi

f − �e i
f .τ̂ .�e

i
f

)
�e i

f �e
i

f , (3.6)

with τ̂ the isotropic matrix stress, φf the fiber volume fraction, ψf the fiber
stress, �ef the current fiber direction and N the number of fiber directions.

The isotropic matrix stress is modeled as a Neo-Hookean material with a shear
modulus G. For the fibers, the following constitutive equation is used (Holzapfel
et al., 2000):

ψf =

{
2k1λ

∗2
f

(
λ∗2f − 1

)
ek2(λ∗2

f −1)
2

, if λ∗f ≥ 1

0, if λ∗f < 1
(3.7)

where k1 and k2 are stress-like and dimensionless parameters, respectively. The
current fiber direction �ef can be calculated from the fiber direction in the
undeformed configuration �ef0 with the relation:

λ∗f�ef = F∗�ef0 (3.8)

with λ∗f the elastic fiber stretch λ∗f =
√
�ef0.C∗.�ef0 and C∗ = F∗T.F∗ the elastic

right Cauchy-Green deformation tensor.
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The angular fiber distribution can be incorporated into the constitutive model
by specifying an appropriate set of fiber directions �ef0 and fiber contents φf .
For that purpose, the fiber directions are defined as:

�ef0 (γi) = cos (γi)�eθ + sin (γi)�ez (3.9)

where γi is defined with respect to �eθ in the plane spanned by �eθ and �ez (Fig.
3.3).

Figure 3.3: Schematic representation of the angular fiber distribution function. Indicated are
the main fiber angle α, the dispersity β, and the local directions �eθ and �ez

For the fiber volume fraction a periodic version of the normal probability dis-
tribution function is used (Driessen et al., 2008; Gasser et al., 2006):

φi
f = A exp

[
cos [2(γi − α) + 1]

β

]
(3.10)

with α the main fiber angle and β the dispersity of the fiber distribution function.
The scaling factor A is obtained by defining the total fiber content to be equal
to φtot.

A =
φtot

N∑
i=1

exp

[
cos [2(γi − α) + 1]

β

] (3.11)

Constrained compaction of a tube

To describe the kinematics for a vessel subject to isotropic compaction, we use
the procedure described by Holzapfel et al. (2000) and Driessen et al. (2005).
The geometry of the undeformed stress-free reference configuration (Fig. 3.4)
in cylindrical coordinates (R,Θ, Z) is defined by:
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Figure 3.4: Stress-free configuration of the TE vessel wall (dark grey) mounted on a rubber
tube (light grey). Indicated are the inner radius Ri, the outer radius Ro, the thickness of
the wall h and the vessel length (L). Also shown is a schematic representation of the typical
helical fiber distribution �ef0

and the local directions �eR, �eΘ and �eZ

Ri ≤ R ≤ Ro, −π ≤ Θ ≤ π, 0 ≤ Z ≤ L (3.12)

with Ri and Ro the inner and outer radius and L the length of the tube. The
cylinder deformation of B(t) relative to B(t0) is described by:

r = r(R), θ = Θ, z = λzZ (3.13)

where λz is the axial stretch ratio, (R,Θ, Z) and (r, θ, z) are the polar coor-
dinates of a point in B(t0) and B(t) respectively (Fig. 3.2). The stretch-
displacement relations and the incompressibility condition are written as in
Holzapfel et al. (2000), Taber and Eggers (1996) and Taber (1998):

λr = ∂r
∂R = λ∗rλgr

λθ = r
R = λ∗θλgθ

λz = λ∗zλgz

λ∗rλ
∗
θλ

∗
z = 1

λgr = λgθ = λgz

(3.14)

with λgi and λ∗i the elastic stretch related to the deformation Fg from B(t0) to
B(t1) and F∗ from B(t1) to B(t) respectively. The current coordinates (r, θ, z)
can be expressed as:

r =

√
ξ3
L

l
(R2 −R2

i ) + r2i , θ = Θ, z =
l

L
Z (3.15)
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Collagen fiber remodeling

To model the fiber distribution, it is assumed that the preferred main fiber
direction αp is situated in between �eθ and �ez. Thus, stimulus functions gθ and
gz are introduced in the direction of �eθ and �ez (Driessen et al., 2008), and the
value of αp is then defined as:

αp = arctan (gz/gθ) . (3.16)

Two preferred main fiber orientations, situated at γ = ±αp are used to preserve
material symmetry. The preferred value of fiber dispersity is given by:

βp =

{
k

(gθ/gz)−1 , if gθ ≥ gz
k

(gz/gθ)−1 , if gθ < gz
(3.17)

with k a scaling factor.

Eqs. 3.16 and 3.17 imply that for gθ � gz or gz � gθ a uniaxial fiber distribution
(i.e. βp → 0) is obtained with the preferred fiber distribution close to �eθ (i.e.
αp → 0◦) or �ez (i.e. αp → 90◦), respectively. Finally when gz � gθ a uniform or
isotropic fiber distribution (i.e. βp → ∞) with the preferred fiber direction αp →
45◦ is predicted (Fig. 3.5). The uniform and uniaxial fiber distribution refers
to a distribution with a maximum and minimum dispersity value, respectively
(still to be specified).

(a) (b)

Figure 3.5: (a) Definition of the preferred main fiber angle αp with respect to the stimulus
functions gθ and gz. (b) Preferred dispersity βp as a function of the ratio of the stimulus
function gθ and gz. (Modified from Driessen et al. (2008))

The evolution of the main fiber direction and dispersity of the fiber distribution
function are modeled by first order rate equation:
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dα
dt = 1

τa
(αp − α)

dβ
dt = 1

τb
(βp − β)

(3.18)

with τa and τb the time constants of the remodeling process.

Stimulus function

For the stimulus functions gi(i = θ, z) a strain-based and a stress-based approach
are adopted (Driessen et al., 2005). For the strain-based remodeling algorithm
the stimulus functions are related to the stretch λ∗i :

gi =

{
λχ

i − 1, if λi ≥ 1
0, if λi < 1

(3.19)

with χ the power of alignment.

For the stress-based approach the stimulus functions are set equal to the extra
stresses τi:

gi =

{
τχ
i , if τi ≥ 0

0, if τi < 0
(3.20)

with χ the power of alignment. The maximum and minimum values of the
preferred dispersity are set to 500 and 0.005, to prevent numerical problems.

Equations (3.16), (3.17), (3.19) and (3.20) result in an alignment of all fibers
with the major loading direction (αp = 0o, βp = 0) in case of uniaxial loading
conditions (gθ �= 0 and gz = 0 or gθ = 0 and gz �= 0). For biaxial loading
conditions (gθ �= 0 and gz �= 0), the fibers are situated in between �eθ and �ez with
the ratio of the stimulus functions dictating the value of the main orientation
and dispersity. In case of an equibiaxial loading condition (gθ = gz), the fibers
are uniformly distributed in the plane of �eθ and �ez (Fig. 3.5).

Geometry and boundary conditions

The small vessel wall is modeled as a single-layered thick-walled cylinder (Fig.
3.4). The geometrical parameters and boundary conditions are chosen to mimic
the TE conditions of the small vessel constructs. The inner radius in the
undeformed configuration Ri is set to 1.5mm and the thickness of the vessel
to 1mm. Compaction (decrease in volume) is applied while maintaining the in-
ternal radius constant ri = Ri and the fiber distribution function is subsequently
left to remodel.
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Parameters

The material parameters used in this study were taken from Holzapfel et al.
(2000) based on experimental data from a rabbit carotid artery (Fung et al.,
1979; Chuong and Fung, 1983). Assuming the artery media as the main loading
layer we used its parameters to model our SVTE construct. The value of the
shear modulus G was chosen to be equal to 3.0kPa and the fiber parameters to
be k1 = 9.47kPa and k2 = 0.814[−]. To start with isotropic fiber distributions,
the initial values for α and β are set to 45◦ and 100, respectively. A value of
N = 120 is set for the number of fiber directions.

The growth parameter was chosen to mimic the experimental SVTE conditions.
After four weeks of culturing the vessels decreased in thickness from the initial
1.0 mm to 0.57 mm. A slight sliding of the material was observed in the axial
direction therefore, we consider λz = 0.88mm (obtained by visual inspection).
Considering Eq 3.4 the growth parameter was obtained by

det (Fg) = det (F) =
V

V0
=
π(r2o − r2i )λzL

π(R2
o −R2

i )�L
⇔ ξ = 0.765 (3.21)

The parameter values are summarized in Table 3.1.

Table 3.1: Overview of the parameters used in the TE vessel model

Parameters Description Value
Ri Inner radius 1.5mm
h Initial vessel thickness 1mm
α Initial mean fiber angle 45◦

β Standard deviation fiber distribution 100
φtot Total fiber content 0.5
G Shear modulus 3.0kPa
k1 Fiber parameter 9.47kPa
k2 Fiber parameter 0.814kPa
λz Axial pre-stretch 0.88
ξ Growth parameter 0.755
τa Modeling time constant 1.0
τb Modeling time constant 1.0

After compaction, the collagen remodeling algorithm was applied until the
steady-state values of the fiber distribution parameters (α and β) were obtained.
The collagen remodeling parameters, power of alignment χ and the dispersity
parameter κ, were chosen to give predictions consistent with the findings of Dahl
et al. (2007) and Stekelenburg et al. (2009). Both the results of a strain-based
(Eq. 3.19) and a stress-based (Eq. 3.20) approach were examined.
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A parameter study was also performed. The value of χ is changed from 30± 10
(strain based) and from 1.7± 0.2 (stress based) to investigate the effects of the
power of alignment. The value of κ was also changed from 105± 20 (strain and
stress based) to study the effect of the dispersity (Table 3.2).

Table 3.2: Overview of the parameters used for the TE vessel performed analysis

Alignment Power of alignment χ Dispersity parameter k
Strain ±30 105
- 30 ± 105
Stress ± 1.7 105
- 1.7 ± 105

Results analysis

The computed angular fiber distributions for the inner, middle and the outer
vessel wall are presented and compared to the experimental results. Addition-
ally, the volume fraction φ(γi) frequency of the main collagen fiber direction
along the vessel wall is presented as a histogram and the results with the two
different modeling stimuli (strain and stress) are compared. To obtain the last
results, the distribution main fiber angle volume fraction φ(γi) of each layer is
binned into nine groups of collagen pitch angles: 0◦ − 10◦, 10◦ − 20◦, 20◦ −
30◦, 30◦ − 40◦, 40◦ − 50◦, 50◦ − 60◦, 60◦ − 70◦, 70◦ − 80◦, 80◦ − 90◦

with respect to the circumferential axis. Next, the results for each bin are
normalized dividing them by the total number of layers.

3.3 Results

The experimentally obtained TPLSCM images of the inner and outer surface
of the TE small vessels and their fiber orientations are shown in Fig. 3.6. The
results show collagen fibers and cells oriented circumferentially (γi = 0) in the
inner surface (Fig. 3.6(a)) and longitudinally (γi = 90) in the outer surface
(Fig. 3.6(b)).

The computed collagen fiber distributions for the inner, middle and outer wall
are shown in Fig. 3.7 and the distribution parameters values (α and β) along
the vessel wall are shown in Fig. 3.8. The results obtained indicate a helical
distribution for the collagen fibers with an increasing pitch angle, when moving
from the vessel’s inner to the outer wall. The fiber distribution main angle α
follows a circumferential direction (pitch angle around 0 degrees) in the vessel
inner wall, around 45 degrees direction in the middle wall and an axial direction
(pitch angle around 90 degrees) in the outer wall.
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(a) (b)

Figure 3.6: TPLSCM images of cells and collagen fibers in the (a) inner surface and (b) outer
surface of a TE vessel and the respective collagen fiber orientation analysis. ( γ = 0◦ indicates
that collagen and cells are oriented circumferentially; γ = 90◦ indicates that collagen and cells
are oriented axially)

The relative frequency of the computed main fiber angle α (Eq. 3.16), using
either the strain or stress induced algorithm, is shown in Fig. 3.8. The results
indicate a similar circumferential and longitudinal fiber distribution for both
algorithms. The main difference in predictions of the two approaches is formed
at pitch angles away from the longitudinal and circumferential directions. In
particular, the stress based algorithm predicts a maximum around 45 degrees,
which is not observed with the strain based algorithm.

(a) (b)

Figure 3.7: Fiber distribution of the inner (dash line), middle (finer dash line) and outer (full
line) wall of the TE vessel. The results were obtained using a strain-based (a) and stress-based
(b) modeling algorithm
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Figure 3.8: Relative frequency for the main fiber angle in TE vessels predicted with a strain
based algorithm (black) and a stress based algorithm (grey)

The parameter study is shown in Fig. 3.9. Increasing/decreasing the power of
alignment χ causes an increase/decrease of the fibers in the circumferential and
in the longitudinal direction and a decrease/increase of fibers away from the
previous directions, for both approaches. In particular, with the stress based
approach it is also observed a shift of the maximum in the relative frequency
of the main fiber direction α, to around 55 degrees, when the χ is decreased.
Increasing/decreasing the dispersity κ hardly effects the relative frequency of the
predicted main fiber angles when following a strain based approach. However,
regarding the stress related algorithm, the increase of κ causes a decrease of
the amount of fibers align in the circumferential and longitudinal direction
associated with an increase of fibers in between these two directions (Fig. 3.9).

(a) (b)

Figure 3.9: Relative frequency of the computed main fiber angles along the vessel wall,
adopting a strain based algorithm (a) and a stress based algorithm (b). The results were
obtained with different parameters
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3.4 Discussion

A structural mathematical model is presented to study the remodeling of the
collagen fibers of TE small vessels under static culture conditions. It is hypothe-
sized that the collagen remodeling under static TE culture conditions is linked
to the compaction of the tissue. To test this hypothesis, an existing constitutive
model that accounts for changes in fiber architecture (Driessen et al., 2005) was
extended to include volumetric growth via the theory of Rodriguez et al. (1994).
The model was applied to study the collagen fiber distribution changes due to
compaction in TE small diameter vessels. The effect of either strain or stress
induced remodeling of the collagen fiber orientation was investigated.

Independent of the simulated loading condition, the model describes a shift of
the main fiber direction from a circumferential orientation at the inner wall
towards an axial orientation at the outer wall (Fig. 3.7 and 3.8). In contrast,
the fiber orientation in the middle vessel layer appears to be dependent on the
modeling stimulus (strain or stress based). With a stress induced remodeling, a
maximum in the main fiber orientation with a pitch angle of about 45 degrees
is obtained.

The computed fiber distributions were compared to the fiber orientations ex-
tracted from TPLSCM images of TE small vessels (Fig. 3.6). The images were
obtained from the inner and outer surface of the vessel and show collagen fibers
oriented circumferentially in the inner surface and longitudinally in the outer
surface. The computational model captures these results well.

Experimental measurements in the middle area of the vessel wall were not
obtained from our experimental results due to limitations in penetration depth
of TPLSCM. Using TEM, Dahl et al. (2007) measured collagen orientation in
native and TE vessels. The relative frequency of the collagen alignment of their
TE vessels are shown in Fig. 3.10(a) together with the model relative frequency
of the main collagen fiber distributions α obtained when simulating a stress
based loading conditions (Fig. 3.10(b)). Dahl’s experimental results are well
described with our computed main fiber direction distribution. However, when
comparing our numerical results to the results of Dahl et al. (2007) the difference
in loading protocols should be considered. While we describe the main fiber
direction of the TE vessels under static conditions, Dahl et al. gained their vessel
under dynamic conditions. This could debilitate our assumption that the fiber
distribution in the TE vessel middle area under static conditions is comparable
to the results of Dahl et al.. However, our model does not distinguish between
static and dynamic protocols.

The remodeling stimulus (strain or stress based) influences the Cauchy stress
within the vessel (Fig. 3.11). With a strain based approach, a continuous
stress is predicted along the vessel wall. The formation of three main regions
with discrete transitions between them is obtained when a stress based stimulus
is applied. This result suggests the formation of three characteristic layers in
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(a) (b)

Figure 3.10: Relative frequency of collagen alignment in the vessel (a) in porcine engineered
vessels (black) and porcine carotid arteries (grey) modified from Dahl et al. (2007) together
with the numerical results obtained with a stress based algorithm (b)

the TE vessel, each one with a distinguished collagen main fiber orientation α
(Fig. 3.12(a)). To validate these numerical results, the final computed main
fiber directions α are compared to native data presented by Dahl et al. (2007),
Canham et al. (1991), Canham et al. (1997) and Wicker et al. (2008). Dahl
et al. (2007) also measured the collagen fiber orientation frequency along the
wall of native porcine arteries and obtained three main fiber distributions: a
circumferential, a helical with a pitch angle around 45 degrees and a longitudinal
distribution. Canham et al. (1991) measured a circumferential orientation for
collagen fibers in the media (middle layer) of native arteries. Wicker et al. (2008)
observed an increase in the pitch angle from a circumferential orientation in the
inner wall to a longitudinal orientation in the outer layer of the artery. Also, in
the transition between these two layers they observed a helical fiber distribution
with a pitch angle around 45 degrees. These findings appear to support our
three layer numerical results. However, it should be noted that we describe the
collagen remodeling of TE vessels assuming that the mechanical properties, e.
g. matrix parameters, fiber parameters and opening angle do not change in
time. In the native tissue, each vessel layer has its own mechanical properties
(Holzapfel et al., 2000). This may explain the sharp transition between the
predicted layers.

When analyzing the TPLSCM images of the TE constructs (Fig. 3.6) it can also
be seen that cells and collagen fibers appear to be aligned in the same direction.
Thus, assuming that cell traction is responsible for collagen orientation, a stress
dependent remodeling is most likely. It is still not completely understood
how cells remodel the collagen architecture in order to adapt to changes in
functional demands. Still, some speculations about possible mechanisms can be
made. Cells are responsible for the synthesis and degradation of the collagen
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(a) (b)

Figure 3.11: Principal Cauchy-stresses σrr , σθθ and σzz as a function of the deformed radius.
(a) is obtained with a strain and (b) with a stress modeling algorithm. The hypothesized
layered structure is also observed relating each grey value to each layer

architecture and are modulated by mechanical load (Bishop and Lindahl, 1999;
MacKenna et al., 2000; Rubbens et al., 2009). They synthesize collagen ran-
domly and once a certain amount of collagen is present, cells develop traction
forces on these collagen fibers. With time tension builds up and the fibers
are maintained in the stiffest direction. The collagen fiber orientation also
plays a crucial role in the organization of the tissue. The cells contractile
forces (traction) on the collagen fibers may also rearrange the collagen fibers
altering their orientation (Stopak and Harris, 1982; Sawhney and Howard, 2002;
hlmann Noor et al., 2007). Also, the local alignment of the collagen fibers may
influence the cell’s orientation, a phenomenon called contact guidance (Lam et
al., 2008; Houtchens et al., 2008). Subsequently, this may result in cell traction
preferentially in the direction of cell alignment, which further affects the fiber
reorientation.

The numerical results qualitatively agree with the experimental data from TE
small diameter vessels. Yet, a major limitation in this study is that the numer-
ical results were obtained disregarding the total fiber distribution along the TE
vessel wall as it was determined in the experiments done by Dahl et al. (2007).
Only the main fiber direction α of the fiber distribution is taken into account.
The numerical results predict an uniaxial fiber distribution in the inner and
outer wall of the vessel under stress based loading conditions. For the middle
of the vessel the predicted main fiber direction α is 45◦ but the fiber dispersity
β is rather large (β → ∞) (Fig. 3.12). The Cauchy stress within the vessel is
also influenced by the fiber distribution since the sharp transitions encountered
in Fig 3.11 can be associated to the discrete transitions of the fiber dispersity.
Thus, the data presented here suggests that the main fiber direction α, through
which cells rotate the newly synthesized collagen fibers, is located in between
the principal stresses within the tissue. However, further investigation should
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(a) (b)

Figure 3.12: Computed fiber distribution parameters as a function of the radius r in the vessel
wall. (a) Main fiber angle α [deg] and (b) dispersity β [-]

be done to clarify how cells can organize the collagen network maintaining an
uniaxial distribution.

Another limitation of the model was its sensitivity to the power of alignment χ
and dispersity parameter κ. Regarding the strain based approach, the parameter
χ (power of alignment) and κ dispersity parameter hardly affect the relative
frequency of α. For the stress-based approach, the parameters may influence
the amount of collagen in the main fiber directions in each bin, however the
existence of the three maximums seams to be independent of its value.

In our model several assumptions were followed. Regarding compaction, it is
assumed to be caused by volume change. This assumption is based on the fact
that during the four week culture of the vessels, in the TE protocol employed
by Stekelenburg et al. (2009), the scaffold partly degrades, while the fibrin gel
is almost completely degraded. The degrading components are only partially
replaced by de novo synthesized tissue, resulting in a net loss of mass. It is
the combination of degradation and cellular contractility that is causing the
compaction. However, it is difficult to discern this contributions experimentally.
What has been measured experimentally is the change in wall thickness of the
vessel wall. Thus, as a first approach to account for this compaction we assumed
isotropic compaction and estimated it with the wall thickness reduction.

Another consideration is the growth law used to model compaction. For simpli-
fication, a linear isotropic law is applied. More complex growth algorithms can
be found in literature relating growth to different mechanical quantities such
as stress, strain or strain rate (Rodriguez et al., 1994; Taber and Eggers, 1996;
Taber, 1998; Lin and Taber, 1995; Cowin, 1996). Nevertheless, the mechanisms
by which cells compact the matrix are not well known and the current growth
law appears an appropriated approximation.

In the present study, the model does not account for several remodeling factors
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presented in vitro. The fiber parameters used are obtained from native tissue,
which may account for a possibly inaccurate representation of the stresses values
in the engineered tissue. In addition, the presented theory focuses on remodeling
changes in collagen orientation only, although it is known that remodeling and
maturation may also affect fiber type, fiber thickness and crosslink density
(Rubbens et al., 2009; Carver et al., 1991; Balguid et al., 2008), possibly af-
fecting the fiber properties. Furthermore, a value of 0.5 is used for the total
volume fraction φtot, although the amount is probably lower for TE vessels.
Nevertheless, we believe the previous limitations would not modify the main
results.

Despite the simplifications, the present model confirms the hypothesis that
tissue compaction may be responsible for the fiber orientation under TE con-
ditions. Furthermore, it suggests that tissue compaction can be responsible for
the formation of a layered structure of the vessel. The findings here give better
insight into the impact of compaction on the collagen orientation and may be a
valuable factor in the improvement of the loading protocols for TE.



Chapter 4

Cellular control of collagen:

synthesis, degradation and

final orientation in tissue

engineering

During static culture, experiments show that TE tissues gradually compact due

to contractile stresses developed by cells. These results suggest that collagen

alignment under static loading conditions is a result of tissue compaction. In

Chapter 3, compaction within the tissue was related to the collagen fiber architec-

ture and with this relationship, the distribution of the collagen architecture of TE

vessels developed under static loading conditions could be successfully described.

However, the mechanism for tissue compaction itself was not incorporated into

the model but assumed a priori. To better understand how these compaction

forces develop and how they influence the collagen orientation in TE constructs,

it is necessary to incorporate them into the model. Therefore, in this Chapter

the mechanisms by which cells compact and remodel the collagen architecture

are discussed in more detail. The most important components and mechanisms

are identified and strategies to incorporate them into the model are discussed.

51
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4.1 Introduction

Collagen type I is mostly found in the ECM of load-bearing tissues such as
heart valves and vessels. In these tissues, the collagen fibers extend through the
ECM forming a network that gives support to cells. The network architecture
(e.g. fiber orientation, fiber content and fiber cross-linking) also defines the
tissue mechanical properties and, therefore, defines the resistance of the tissue
towards the changes in its environment (Billiar and Sacks, 2000; Dahl et al.,
2007).

The collagen architecture is maintained by cells. Cells synthesize new collagen
and compact the already existing fibers. On the other hand cell orientation,
contractibility, and anchoring points (FAs) are influenced by the ECM properties
(Fig. 4.1). The exact mechanisms of this complex relation that lead to the final
collagen architecture are not clear and are of crucial importance when trying
to obtain TE constructs that mimic the mechanical properties of native tissue.
Therefore, a better understanding of this process is necessary to optimize the
protocols in TE.

Figure 4.1: A schematic outlining the cell matrix interaction
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4.2 Cellular stress-fibers

The ability of cells to change their shape, orientation and contraction forces
depends on a complex network of protein filaments that extend throughout their
cytoplasm (Fig. 4.2). This highly dynamic network, named cytoskeleton, reor-
ganizes itself continuously as the cell responds to its environment. Among the
protein filaments (actin filaments, microtubules and intermediate filaments) that
together constitute the cytoskeleton, actin filaments are the ones responsible for
assembling the cell contractibility apparatus. The contractile SFs are composed
of actin and myosin-II and interact at the FAs with membrane proteins called
integrins. The actin and myosin-II interaction generates the fiber tension and
consequently cellular forces. The integrins act as transmembrane linkers, me-
diating the dynamic connections between the actin cytoskeleton inside the cell
and the components of the ECM (Alberts et al., 2002).

Figure 4.2: Figure 4 - Small interfering control-treated rat aortic smooth muscle cells were
double labeled with phalloidin to identify SFs (red) and vinculin to label FAs (green). Yellow
appears where SFs insert into FAs. Nuclei are labeled with DAPI (blue) (from Lyle et al.
(2009))

In response to a signal, several parallel intracellular pathways stimulate actin fi-
lament growth, myosin II activation and FA formation. Chemical factors trigger
signal-transduction pathways directed by three Ras-related proteins called Rac,
Rho, and Cdc42. In an earlier event, the Rac-and Cdc42-dependent pathways
activate actin polymerization at the leading-edge cell membrane. In a later
event, the Rho-dependent pathway induces formation of FAs and activation of
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myosin-II. Cell adhesion to the ECM, as well as the mechanical signalling trig-
gers a parallel signalling pathway stimulating the release of calcium ions (Ca2+),
from the endoplasmic reticulum into the cell cytosol. The massive influx of Ca2+

induces activation of profilin, cofilin, and gelsolin stimulating actin filament
growth, thereby increasing actin turnover. The high Ca2+ concentration also
causes myosin-II to preferentially assume its extended state.

Figure 4.3: Role of signal-transduction pathways in cell organization of the cytoskeleton (from
(Lodish et al., 2000))

After polymerization, the actin filaments can be cross-linked by α-actinin and
fimbrin into bundles of parallel actin filaments. These so-called α-actin filaments
allow the active myosin-II to enter and to interact with the actin filaments by
cyclical cross-bridge formation. The interaction between the proteins generates
isometric tension. For example, the number of myosin heads attached to the
actin filament is at its maximum in cells that are tightly adhered to the sub-
strate. This leads to the bundling of actin filaments and to the aggregation of
integrins (ECM receptors) into FAs and, therefore, to the SF assembly (Fig.
4.4). However, if the cell detaches from the substrate, the number of attached
myosin heads decreases and the tension is allowed to relax. Consequently, there
is an increase in the probability that some actin filaments break away and that
may result in the rapid disassembly of the SFs (Lodish et al., 2000).

The dynamic connection between the actin cytoskeleton inside a cell and con-
stituents of the ECM is assured by the FA. The FAs complex is composed of
a high density of proteins that attach the extracellular portion of the cell to
the intracellular cytoskeleton. They can be classified regarding to their size as
”classical” FAs (2-6 μm long) and ”supermature” suFAs (8-30 μm long). Studies
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with single cells have determined a linear relation between the size and the force
of fibroblast FAs, with an average stress 5.5 nN/μm2 (Beningo et al., 2001;
Goffin et al., 2006). Goffin et al. (2006) observe the same relation considering
only FAs obtaining an average stress of 3-4 nN/μm2. However, by suppressing
the size threshold of suFAs, the average stress exponentially increases to 12.55
nN/μm2.

Figure 4.4: (a) A SF bundle under isometric tension. (b) A contracting (and hence
dissociating) SF bundle (Deshpande et al., 2006).

4.3 Collagen

Collagen, the major component of the ECM of cardiovascular tissues, is mainly
produced by fibroblasts and fibroblast-like cells (myofibroblasts). The protein
is synthesized in the endoplasmatic reticulum as procollagen and due to its
high degree of solubility it is easily transported within the cell. After synthesis,
procollagen is moved by transport vesicles through the cytoskeleton (via the
Golgi apparatus) to the cell surface where it is secreted into the extracellular
space. As the procollagen is secreted from the cell, special enzymes assemble it
into collagen fibrils (Fig. 4.5).

Collagen fibrils co-align with cells in many tissues, suggesting that cell orienta-
tion plays a key role in generating and maintaining the collagen architecture.
Canty et al. (2004), studying tendon cells in-vivo, observed the presence of
plasma membrane structures that protruded from the surface of the cell and
co-aligned with the collagen fibrils in the ECM. These structures enclosed colla-
gen fibers. Therefore, they suggested that fibrillogenesis initiates already inside
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Figure 4.5: Schematic presentation of the extracellular processes of collagen synthesis.
Modified from Prockop and Kivirikko (1984)

the cell, in Golgi to plasma membrane carriers. These carriers are targeted
to plasma membrane protrusions that are parallel to the tendon. Canty et
al. (2006) also observed the cell cytoskeleton involvement in the parallelism
of the collagen fibers in the ECM and Gealy et al. (2009) observed frequent
associations between foci of type I procollagen and actin cytoskeleton. Their
results suggest that cells use the actin filaments as a delivery system to direct
the secretion of collagen fibers at the cell surface. Furthermore, several studies
have shown the existence of actin-integrin-fibronectin-collagen interactions in
corneal wound healing (Petroll et al., 1998), keratocytes in culture (Kim et al.,
2006) and in vascular smooth muscle cells (D’souza et al., 2003). Collagen fiber
growth may then occur in the vesicles at the base of the fibril by the addition
of individual collagen molecules to the end of the fibrils (Holmes et al., 1994)
or by end-to-end fusion (Graham et al., 2000; Kadler et al., 2000) with nascent
short fibrils. Collagen networks also appear to be mechanosensitive as they
are stabilized by mechanical strain (Bhole et al., 2009). This concept has the
potential to simplify the assumed role of the fibroblasts in collagen remodeling
since not only the cells but also the collagen fibers would be responsible to sculpt
collagenous tissue.
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4.4 Cells, collagen and mechanical loading

It is widely accepted that the formation of SFs is stimulated in cultured cells
by applying tension (Kolega, 1986). When tension is applied to a localized site
on the cell surface, an actin filament bundle is induced immediately adjacent
to this site. Associated with the tension-dependent assembly of the SFs is
the development of structural anisotropy. For example, uniaxially constrained
fibroblast populated collagen gels developed high degrees of fiber alignment and
mechanical anisotropy, whereas gels constrained biaxially remained isotropic
(Thomopoulos et al., 2005). General experimental observations also suggest
that cell may align to avoid compression (Buck, 1980). Figure 4.6 is an example
of the different cellular orientation response when their substrate is subjected to
a constant static strain or to a periodically varying strain. Upon static stretch
application cell orientate in the direction of stretch (Eastwood et al., 1998;
Collinsworth et al., 2000) while upon cyclic stretch, cells orientate away from
the direction of stretch. For example, when submitted to simple elongation or
pure uniaxial stretch, cells orientate around 70◦ and 90◦, respectively (Wang et
al., 2001; Kaunas et al., 2005; Hayakawa et al., 2001). During cyclic stretch,
strain frequency and amplitude can influence the dynamics of cell reorientation.
Liu et al. (2008) showed a frequency dependency of the alignment of arterial
smooth muscle cells. Previous studies of Neidlinger-Wilke et al. (2001) showed
that the final degree of perpendicular cell alignment increases with the stretch
amplitude and Dartsch et al. (1986) observed a certain threshold amplitude
between 2% and 3.5% below which no reorientation occurred for smooth muscle
cells.

Figure 4.6: Representative phase contrast microphotographs of endothelial cells: unstretched
(A), after 3 h of simple elongation (B), and after 3 h of pure uniaxial stretching (C). Wang et
al. (2001)

Cellular production of collagen is also affected by mechanical stimuli (Weston
and Yoganathan, 2001; Xing et al., 2004). Konduri et al. (2005) observed that
the absence of mechanical stimuli resulted in a decrease in tissue properties of
porcine valves while Balachandran et al. (2006) observed that cyclic stretch-
ing increased collagen content. Mechanical stimulation of cell-seeded collagen
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gels affected several processes such as matrix production and, in most cases,
enhanced the mechanical properties of the constructs (Seliktar et al., 2000;
Isenberg and Tranquillo, 2003).

4.5 Cells and extracellular matrix mechanical

properties

When endothelial cells lose the attachment to the matrix, they may undergo
apoptosis (Frisch et al., 1996). In contrast, when this attachment is not lost,
cells develop internal tensile forces through SFs and exert traction on the ECM
through FAs. These traction forces are fundamental in many physiological and
pathological situations (Stopak and Harris, 1982). In an in vitro situation, the
existence of these forces was also demonstrated. This was observed by the ability
of cells to exert strains when plated on a substrate consisting of a soft gel (Moon
and Tranquillo, 1993; Campbell et al., 2003), wrinkles in a thin film (Harris et
al., 1981) and deflection in micropost force sensor array (Tan et al., 2003). Cell
traction results in tissue compaction as observed by the cell ability to contract
free floating gels up to 10% of their original size. Cells can also apply these
traction forces to the collagen fibers rearranging them (Fig. 4.7). Several studies
show that when encapsulated within a 3D type I collagen microenvironment,
cells initially contract and compact the matrix (Grinnell et al., 2003; Guidry
and Grinnell, 1985; Pedersen and Swartz, 2005). For example, Vader et al.
(2009) studied the mechanical response of a fibrous network (collagen I fibrils)
subjected to an internal local strain. They observed strong fiber alignment
and densification as a function of applied strain suggesting a simple mechanism
for tissue organization at the microscale. Furthermore, Friedrichs et al. (2007)
observed that cells deform the matrix by reorienting individual collagen fibers.

Figure 4.7: Schematic drawing illustrating how the cells rearrange the collagen matrices
(modified from Friedrichs et al. (2007))

Cells not only apply force in the ECM, they also sense the resistance it offers
and react to it through cytoskeleton organization (and other cellular processes).
As the cells probe the extracellular elasticity, they anchor, and pull on their sur-
rounding by organizing their actin cytoskeleton. This reorganization, however, is



4.5. Cells and extracellular matrix mechanical properties 59

dependent on the resistance offered by the ECM as demonstrated in the different
fibroblast SF organization when suspended in free-floating or anchored gels. In
free-floating gels, the fibroblasts lack SFs (Yeung et al., 2005). In anchored gels,
isometric tension is generated and the fibroblasts develop prominent SFs (Moon
and Tranquillo, 1993).

Figure 4.8: (A) Cell spreading across multiple posts. (B) Under the proper geometric
constraints of post height and width, cells exerting traction forces would deflect the elastomeric
posts (Tan et al., 2003)

The effect of the extracellular signals on cell behavior can be studied using
topographic cues. Topographic modification can affect different cell functions
depending on the topography pattern, a phenomenon called contact guidance
(Fig. 4.8). It is known that cells orient along the anisotropic direction of ridges
and grooves (Fig. 4.9). Cells are also able to detect and respond to multiple
guidance cues simultaneously (Britland et al., 1996) and from these studies it is
possible to identify synergistic, antagonistic or hierarchical interactions and their
impact on cell behavior. Loesberg et al. (2005) evaluated in vitro the differences
in cellular behavior between fibroblasts cultured on smooth and microgrooved
substrates undergoing cyclic stretching. They concluded that independent of
the stretch magnitude or whether the microgrooves are oriented parallel or
perpendicular to the stretching direction, the fibroblasts primarily adjust their
shape according to substrate surface (micro) features, while a secondary role is
played by mechanical loading. However, in load bearing tissues, the cells are
surrounded by a highly organized nanostructered mesh. Prodanov et al. (2010)
applied mechanical stimulation to osteoblast-like cells by longitudinal stretch in
parallel direction to the nanotexture. They observed that cells align parallel to
the texture. However, the parallel cell direction to the nanotextured surface was
lost and turned to perpendicular when a parallel stretch of greater than 3% was
applied to the cells. The results suggest that cells primarily adjust their shape
according to the substrate texturing overruling the role played by mechanical
loading when presented with a micropattern surface. For the nanopattern, this
preference appears to be only observed when the cells are submitted to small
stretches.
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Figure 4.9: - Scanning electron microscopy images of cells cultured on patterns with 4000 nm
pitch. Cells aligned along the microstructured substrate (modified from Teixeira et al. (2003))

4.6 Summary

Collagen is the main component of the ECM and its architecture determines the
tissue mechanical properties. The protein content and architecture is maintained
by cells that appear to utilize their actin filaments to direct collagen secretion.
After secreting the collagen, cells can compact these fibers in bundles due to
cellular traction forces developed by the cellular actin cytoskeleton. On the
other direction, external cues can trigger the dynamic remodeling of the SFs and
other cytoskeletal structures. Cells may then change their alignment direction
and traction forces.



Chapter 5

A computational model to

describe the collagen

orientation in statically

cultured engineered tissues

Collagen provides cardiovascular tissues with the ability to withstand hemody-

namic loads. A similar network is essential to obtain in TE samples of the same

nature. Yet, the mechanism of collagen orientation is not fully understood.

Typically, collagen remodeling is linked to mechanical loading. However, TE

constructs also show an oriented collagen network when developed under static

culture. Experiments under this conditions also indicate that the tissue gradually

compacts due to contractile stresses developed in the α-actin fibers of the cells.

Therefore, it is hypothesized that cellular contractile stresses are responsible

for collagen orientation. A model describing the cellular α-actin turnover and

the stresses developed by them is integrated in a structural constitutive model

describing the mechanical behavior of collagen fibers. Results show that the

model can successfully capture the sample compaction, tissue stress generation

and its heterogeneous collagen arrangement.

The content of this chapter is based on the publication: Soares, A. L. F., Oomens, C. W.
J., Baaijens, F. P. T.: 2011, A computational model to describe the collagen orientation in
statically cultured engineered tissues, Comput. Method. Biomec., (in press).
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5.1 Introduction

Collagen is an important component of cardiovascular tissues, since it provides
the tissue with the ability to withstand hemodynamic loads. For example, the
collagen in heart valve leaflets is organized in a hammock-like structure, pro-
viding the leaflets with strength in the circumferential direction, and flexibility
in the radial direction, while a helical orientation is observed in the arteries
(Sauren, 1981; Finlay et al., 1995; Wicker et al., 2008). These specific collagen
architectures are also reflected in the anisotropic biomechanical properties of
these tissues (Lanir, 1983; Sacks, 2003).

When trying to obtain TE cardiovascular substitutes, it is important to obtain
a structure with functional mechanical properties, ideally resembling those of
the native tissue. Commonly the TE approach involves seeding autologous cells
onto a biodegradable scaffold and delivering the suitable environmental factors
(i.e. biochemical and biomechanical stimuli) during culture, via a conditioning
protocol to induce tissue formation and remodeling (Langer and Vacanti, 1993;
Butler et al., 2000; Mol et al., 2009). One of the main purposes of the mechanical
conditioning is to stimulate the formation of a properly organized collagen fiber
network. However, the mechanism of collagen orientation in engineered tissues
is not fully understood.

Several models have been developed focussing on collagen remodeling with the
majority of them linking collagen synthesis to mechanical stimuli (Baaijens et
al., 2010). Following this hypothesis, Driessen et al. (2008) could successfully
predict the typical fiber architecture found in native arterial walls and heart
valve leaflets. The model however, failed to describe the collagen architecture
of TE samples developed under static loading conditions. Experiments under
this conditions also show a significant compaction of the tissue (Barocas and
Tranquillo, 1997; Shi and Vesely, 2003; van Vlimmeren et al., 2011). It was
hypothesized that stresses and strains that develop in the tissue construct as a
result of the tissue compaction are responsible for the collagen fiber organization.
Hence, the model developed by Driessen et al. (2008) was extended to include
volumetric growth (Soares et al., 2011). This model could successfully describe
the collagen architecture of small diameter TE vessels under static loading
conditions. However, it was still not completely understood how cells remodel
the collagen architecture and compact the tissue in order to adapt it to changes
in functional demands.

In cardiovascular tissues, collagen is predominately produced by fibroblasts
and fibroblast-like cells (myofibroblasts). The protein is synthesized in the
endoplasmic reticulum as procollagen and is moved by transport vesicles to the
extracellular space where collagen assemble starts (Alberts et al., 2002). Several
studies suggested a guiding role of the cell cytoskeleton in the protein transport
within the cell (Canty et al., 2004, 2006; Gealy et al., 2009). Other studies
indicated that the co-alignment of collagen fibers and cells may also be the
result of the contractile forces generated by the cells (Stopak and Harris, 1982;
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Tan et al., 2003; Yang et al., 2006; Friedrichs et al., 2007; Vader et al., 2009).
Furthermore, cells not only apply force to the extra cellular matrix, the sub-
strate also affects cells morphology Eastwood et al. (1998); Wang et al. (2001).
Cells react to the resistance they sense through cytoskeleton organization (and
other cellular processes), for example they orient differently when submitted
to static or dynamic conditioning. This complex interplay must be accounted
for in a collagen remodeling mathematical framework. The model could then
assist in predicting cellular responses to mechanical stimuli, the development of
contractile forces and collagen orientation.

The majority of cell models assume a passive response of the cell and its sub-
cellular structures to stimulus (Lim et al., 2006). Yet, cells develop contractile
forces and their orientation depends on the boundary conditions imposed on to
the tissue. Deshpande et al. (2006), when modeling cells as active structures,
focused on the orientation of the SFs and associated the cell alignment to the as-
sembly and disassembly of these structures. With this theory, they predicted the
alignment of cells in the load direction in an isometric uniaxial tension boundary
problem and the nearly perpendicular orientation to the stretch direction during
dynamic loading (Deshpande et al., 2007; Wei et al., 2008).

The objective of the present work is to assess if the contractile stresses developed
by the cells can explain the collagen orientation in TE cardiovascular substitutes
developed under static culture conditions. Statically cultured tissues gradually
compact as a result of the contractile stresses developed by the cells. It is
hypothesized that the orientation of the SFs is the same as the orientation of the
collagen fibers. The structural constitutive model from Driessen et al. (2008)
and the SF model of Deshpande et al. (2007) are combined. The SF model
is adjusted to a 3D environment and is explicitly included in the structural
constitutive model. The resulting computational framework is sensitive to the
local mechanical properties and accounts for the interaction between actin SF
and collagen fiber orientation.

5.2 Material and methods

5.2.1 Constitutive model

The engineered samples are modeled as compressible fiber reinforced tissues
(Holzapfel et al. (2000)). The total Cauchy stress is defined as:

σ = τ̂ +
3

4π

∫
S

(φfϕf + σcf )�ef�efdS, (5.1)

where τ̂ is the isotropic stress representing the combined effect of the pas-
sive behavior of the cells and all ECM components except for collagen (e.g.
proteoglycans). The second term of the right hand side represents the fibrous
contributions to the total stress. In this term, φf stands for the collagen volume
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fraction, ϕf for the collagen stress and σcf for the cell stress, each estimated
along the N fiber directions in the current configuration �ef . The integral is
calculated over the unit sphere S.

The isotropic stress τ̂ is described as a compressible Neo-Hookean material with
a shear modulus G and a bulk modulus κ:

τ̂ = κ

(
ln J

J

)
I +

G

J

(
B − J2/3I

)
, (5.2)

where J stands for the volumetric part of the deformation tensor (J = det(F )).
The Finger stretch or left Cauchy-Green deformation tensor (B) is defined as
B = F.F T , with F the deformation gradient tensor.

The collagen fiber stress ϕf is given by:

ϕf =

⎧⎪⎨
⎪⎩

2k1λ
2
f

(
λ2

f − 1
)
ek2(λ2

f−1)2

, λf ≥ 1

0, λf < 1,

(5.3)

where k1 and k2 are material parameters (Holzapfel et al. (2000)). The fiber
stretch λf is calculated from:

λf =
√
�ef0.C.�ef0, (5.4)

with C = F T .F the right Cauchy-Green deformation tensor. The fiber direc-
tion in the current configuration �ef is determined from the fiber direction in the
reference configuration �ef0:

λf�ef = F .�ef0. (5.5)

The active contribution of the cells is described by the theory of Deshpande et al.
(2007). Cells generate stresses resulting from the contractile properties of their
α-actin fibers. The α-actin cytoskeleton is assumed to be an incompressible
structure and therefore, the cell stress σcf is related to the isochoric strain rate
˙̄ε. The cross bridge dynamics relation is given by a Hill-like equation:

σcf

σc0
=

⎧⎪⎪⎪⎪⎪⎪⎪⎨
⎪⎪⎪⎪⎪⎪⎪⎩

1
ρ + kv

ηf ρ

(
˙̄ε
˙̄ε0

)
, ˙̄ε

˙̄ε0
< −

ηf

kv

1 + kv

ηf

(
˙̄ε
˙̄ε0

)
, −

ηf

kv
≤ ˙̄ε

˙̄ε0
≤ 0

1 + kv

ηf ρ

(
˙̄ε
˙̄ε0

)
, ˙̄ε

˙̄ε0
> 0,

(5.6)

where the nondimensional constant kv is the fractional reduction in fiber stress
upon increasing the shortening rate by ˙̄ε0 and ηf is the activation level of the
SF bundles. The parameter σc0 stands for the isometric stress at activation
level ηf (σc0 = ηfσmax), with σmax the tensile stress that the SF exert at full
activation (ηf = 1).
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The isochoric Green-Lagrange strain rate ˙̄ε in the direction of �ef is given by:

˙̄ε = �ef0.
˙̄E.�ef0, (5.7)

where ˙̄E stands for the rate of the isochoric Green-Lagrange strain tensor. This
quantity is given by:

˙̄E = F̄
T
.D.F̄ , (5.8)

with D = 1/2(Ḟ .F−1 + F−T .Ḟ
T
) and F̄ = J−1/3F .

The parameter ρ ensures numerical stability defining the slopes of the function
for ˙̄ε

˙̄ε0
< −

ηf

kv
and ˙̄ε

˙̄ε0
> 0 (Fig. 5.1).
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Figure 5.1: Hills-like stress stretch relation for the cell. For
˙̄ε
˙̄ε0

< −
ηf

kv
,

σcf

σc0
≈ 0 while for

˙̄ε
˙̄ε0

> 0,
σcf

σc0
≈ 1

5.2.2 Cellular stress-fibers and collagen modeling

The mechanical response of the SF is assumed to be triggered by an activa-
tion signal C. The parameter describes the activation signal (nervous impulse,
biochemical or mechanical perturbation) that triggers the formation of the
SF components. In other words, it represents the signaling activities of Rho
GTPases, which are one of the main regulators of the cytoskeleton (Alberts et
al. (2002)). In this study, the details of the signaling pathways are not taken
into account and only the net effect is considered in the model. The level of the
signal is given by:

C = exp (−t/β) , (5.9)

where β is the decay constant of the signal and t is the time measured from the
instant of the most recent signal. The level of the signal resides in the range
0 ≤ C ≤ 1. The signal initiates the formation of the SF parameterized by the
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activation level ηf (0 ≤ ηf ≤ 1). The evolution of ηf is assumed to be governed
by a first-order kinetic equation:

η̇f =

⎧⎪⎪⎪⎪⎪⎪⎨
⎪⎪⎪⎪⎪⎪⎩

[1 − ηf ]
Ckf

β − ηf
kb

β σcf < 0

[1 − ηf ]
Ckf

β −
[
1 −

σcf

σc0

]
ηf kb

β 0 ≤ σcf < σc0

[1 − ηf ]
Ckf

β σcf ≥ σc0,

(5.10)

where η̇f denotes differentiation with respect to time t, measured from the
instant of the application of the first signal. The activation level ηf consist of
a synthesis fraction that depends on the activation signal C and a reabsorption
fraction that depends on the stresses developed by the SFs. The dimensionless
constants kf and kb govern the rate of formation and dissociation of the fiber,
respectively. With the defined activation signal C the formation of SFs is
initially high and decreases with time. On the other hand, the fibers are
reabsorbed if they do not develop the maximum stress.

Finally, the collagen fibers are assumed to have the same direction as the cellular
SFs and its content φf is also assumed equal to the SFs activation level ηf .

5.2.3 Time integration

The constitutive equation for the passive stress (τ̂ ) is dependent on the defor-
mation tensor F . The same is considered for the collagen stress ϕf . The cell
active stress σcf however, depends not only on the deformation tensor F but

also on the deformation rate tensor ˙̄F and the SF activation level ηf , the latter
being a time dependent variable. The collagen stress in the fiber direction is
multiplied by the collagen fiber content φf , which is a time dependent property,
as well. In summary, at a given time instant the mechanics are ruled by the
superposition of the passive stress, the cell SF and collagen stresses:

σ = τ̂(F ) +
3

4π

∫
S

(
φf (t)ϕf (F ) + σcf (F̄ , ˙̄F , ηf (t))

)
�ef�efdS. (5.11)

Therefore, for each time step, the collagen fiber and SF activation level are
computed from the ordinary differential equation, that determines the time
history of the fiber amount (Eq. 5.9) and used to update the stresses (Eq. 5.11)
at each time increment following an explicit scheme. Processing from time
t to t + Δt is done using a 4th order Runge-Kutta scheme. A first order
approximation is used to obtain an estimate of Ḟ :

Ḟt =
1

Δt
(Ft − Ft−Δt). (5.12)
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5.2.4 Quadrature for the unit sphere

To obtain the fiber contribution to the total stress, the integral over a unit sphere
is calculated. A typical approach for the sphere discretization is that of equally
spaced discretization in azimuthal angle and Gauss-Legendre discretization in
polar angle. Alternatively, Lebedev and his coworkers, in a serie of articles
(Lebedev and Skorokhodov (1992), Lebedev (1994) and Lebedev and Laikov
(1999)), introduced quadrature rules of different algebraic accuracy for the
integration of a function over a spherical surface. The number of Lebedev
integration points N is related to the order of the underlying grid L via N ≈
L(L+ 1)/3. Thus, the respective integral in Eq. 5.1 takes the form:

3

4π

∫
S

(φfϕf + σcf )�ef�efdS ≈ 3

N∑
i=1

wi

(
φi

fϕ
i
f + σi

cf

)
�ef

i �ef
i. (5.13)

The use of a single sum, instead of two one-dimensional schemes from discre-
tizing the azimuthal and polar integrals individually, leads to a more efficient
procedure. Furthermore, the grid proposed by Lebedev, rather than leading
to an unreasonable dense concentration of nodes near the poles, leads to a
homogeneous spherical distribution of the fibers.

5.2.5 Implementation

The conservation of momentum, neglecting inertia and assuming the absence of
body forces, reads:

��.σ = �0. (5.14)

A finite element formulation (Bathe (1996)) is derived to solve the set of balance
equations. The Newton-Raphson method is used to find approximate solutions
of the nonlinear equation (Eq. 5.14). An updated Lagrange formulation is
employed such that the last known (converged) configuration is taken as the
reference configuration. The Galerkin method is used for spatial discretization
of the weighting functions and the error in the displacement. The domain is
discretized using Taylor-Hood elements with quadratic interpolation for the
displacements. The numerical framework and the constitutive equation were
implemented in the software package SEPRAN (Segal (1984)) as decribed in
Appendix B.

For testing purposes, the constitutive equations are also implemented in MAT-
LAB (The MathWorks, Inc, Natick, MA) where the Newton-Raphson method
is used to find approximate solutions of the nonlinear equation (Eq. 5.1).
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5.2.6 Tissue engineered strips

TE strips (18 × 5 × 1mm ) are obtained as described by van Vlimmeren et al.
(2011). Briefly, the constructs are engineered using a fast-degrading polyglycolic
acid (PGA) scaffold coated with poly-4-hydroxybutyrate (P4HB). The scaffold
is attached to a model system to quantify the development of stress and com-
paction over time during culture. The model system consists of a stainless steel
frame in which two ultra-high-molecular-weight polyethylene sliding blocks are
positioned (Fig. 5.2). In between the two sliding blocks, the TE constructs are
cultured. One sliding block is fixed and the other is connected to the metal frame
via two leaf springs. Therefore the system assures a nearly constant length and
the displacement of the second sliding block is related to the generated force
within the tissue. After mounting the sample in the set-up, myofibroblasts are
seeded using fibrin as a cell carrier. The constructs are then cultured under
static loading conditions in a bioreactor for a period of 4 weeks. After 2 weeks
the scaffold lost its mechanical integrity and the sample started to compact and
generating stress. After 4 weeks the tissue compacted to half of its initial width.
The generated stress also increased up to 8.0 ± 1.3 kPa.

Figure 5.2: TE construct after 4 weeks of culture. The model system consists of a stainless
steel frame with two sliding blocks. In between the two sliding blocks, the TE constructs are
cultured. One sliding block (1) is fixed and the other sliding block (2) is connected to the
metal frame via two leaf springs. Therefore the system assures a constant length and the
displacement of the second sliding block is related to the generated force within the tissue
(Modified from van Vlimmeren et al. (2011))

5.2.7 Geometry and boundary conditions

Due to symmetry, only 1/8 of the strip is used in the finite element computa-
tions and the normal displacements in the symmetry surfaces are constrained
(Fig. 5.3). An isometric uniaxial tension boundary problem is considered, where
the displacements in the �ex− and �ey−directions are constrained at the left side
of the sample. The (initial) sample dimensions are taken from experimental
data (van Vlimmeren et al. (2011)) and set to L = 9 mm, W = 2.5 mm and
T = 0.5 mm.

For simulations performed in MATLAB, the isometric uniaxial tension boundary
problem is also considered. In the simulated problem the displacements in the
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Figure 5.3: Schematic of the isometric uniaxial tension boundary problem under consideration.
Full lines represented the mesh used in the finite element calculation within the complete
sample (dashed line)

�ex-direction and the stresses in the �ey and �ez-directions are set to zero (λxx = 0,
σyy = 0 and σzz = 0).

The time frame considered in the analysis corresponds to the last two weeks of
culture; the time frame in which the measurable tension develops in the tissue.

5.2.8 Parameters

The set of parameters used by Deshpande et al. (2007) is chosen to capture the
experimental results obtained by Tan et al. (2003). Here, the selected parame-
ters aim to describe experimental results of van Vlimmeren et al. (2011). The
experimental data is obtained with myofibroblasts cultured in a 3D environment
during a time period of 4 weeks. These experimental conditions differ from the
experiments of Tan et al. (2003) regarding cell type, environment dimension and
culture time. They cultured fibroblasts, smooth muscle and endothelium cells
in a 2D environment during a time period of approximately 20 hours.
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Based on the experimental results of van Vlimmeren et al. (2011), the decay
constant β of the activation signal and the fibers strain rate reference constant
˙̄ε0 are estimated as β = 165.6 × 103 s and ˙̄ε0 = 4.040 × 10−6, respectively.
The fiber tensile stress at full activation σmax is set to 12 nN/μm2 since
previous results from Goffin et al. (2006) have shown that myofibroblasts develop
supermature FAs that are known to generate forces in this range. The cell and
extracellular environment are assumed to share a similar shear modulus. The
Shear modulus is obtained from Deshpande et al. (2007) and therefore set to
G = 0.030 kPa. The cellular Bulk modulus is set to κ = 0.064, in line with
experimental measurements in live cells (Maniotis et al. (1997)). The collagen
parameters k1 and k2 are estimated by fitting the Driessen et al. (2008) model
to the stress-strain curves of TE strips developed for 2 week under static loading
conditions (Rubbens et al. (2009)).

The model fitted these data well (R2 = 0.9995) and the fiber parameters
obtained are: k1 = 255.4 kPa and k2 = 1.787 × 10−4. The parameter ρ is set
to ρ = 100 to ensure numerical stability. The parameter values are summarized
in Table 5.1.

5.3 Results

5.3.1 Convergence and sensitivity analysis

To perform a convergence and sensitivity analysis, a homogeneous, isometric
uniaxial tension boundary problem is considered, i.e. λxx = 0, σyy = 0 and
σzz = 0. All the material parameters are selected according to Table 5.1. The
convergence study assists in selecting the required time step Δt/β, relative to
the decay constant β and the number of fibers N , to assure accuracy while
maintaining a reasonable computational time. As initial condition at time t = 0,
ηf ≈ 0. Time integration is performed with a uniform time step Δt/β between
Δt/β = 0.001 and Δt/β = 0.2 (Fig. 5.4(a)). The number of fibers is varied
between N = 110 and N = 1730 (Fig. 5.4(b)). As a measure of the accuracy
of the solution the error (σxx − σref )/σmax is computed at t/β = 7.32, where
σref = σxx, when Δt/β = 0.0001 and N = 2030, respectively. The sensitivity
study is performed to analyze how the difference in the model parameter values
can influence the model output. The convergence study shows that reducing
Δt/β below 0.2 and increasing the number of fibers beyond N ≈ 600 does not
change the numerical results considerably.

To study the model sensitivity, the cellular parameters ˙̄ε0, σmax and β are
varied in a range of 20%. Their influence on the sample longitudinal stresses
σcxx (Fig. 5.5), compaction in width εyy (Fig. 5.6) and fiber anisotropy (Ωa)
(Fig. 5.7) is studied and compared to the reference value (black line).

The degree of fiber anisotropy is defined as Ωa = Ωxx−Ωyy where a second-order
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Figure 5.4: Error of the stress evolution σcxx/σmax with decreasing time steps Δt/β (a) and
increasing number of fibers N (b)

fiber orientation tensor Ω, capturing the average orientation of the local fiber
distribution, is defined as in Stylianopoulos and Barocas (2007):

Ω =
1

ξtot

N∑
i=1

ξi
f �ef

i �ef
i, (5.15)

where ξf stands for the fibers content in the direction �ef and ξtot the total fibers
content. For the isotropic case the principal average orientation values are equal
(Ω1 = Ω2 = Ω3 = 0.33), while for anisotropic networks the maximum principal
value is the measure of fiber alignment in its respective direction. Generally, all
the sample properties increase with time before saturating at a maximum value.

The evolution of the longitudinal stress σxx over time is shown in Fig. 5.5. The
results indicate a general increase in longitudinal stress σxx when increasing
the parameters in study (full colored lines). The opposite is observed when
a decrease of the same parameters is induced (dashed colored lines). The
parameters mostly influencing σxx are ˙̄ε0 and β altering primarily the maximum
stress value. The parameter σmax affects σxx to a lesser extend, but along the
complete time frame.

The evolution of the compaction in width εyy over time is also affected by the
parameters ( Fig. 5.6). A general increment in compaction is observed when the
parameters in study are increased (full colored lines). The opposite is observed
when the same parameters are decreased (dashed line). The parameters ˙̄ε0 and
β show to be once more the most influential. Moreover, ˙̄ε0 affects the sample
compaction equally along the complete time frame while the other parameters
alter mainly the maximum compaction value.

The final fiber anisotropy is hardly influenced by ˙̄ε0 and σmax (Fig. 5.7). The
parameters only influence the temporal evolution of the anisotropy. On the
contrary, β has a strong effect on the final fiber anisotropy. An increase in the
parameter results in a less anisotropic sample, while the opposite is observed
when the parameter is decreased.
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Figure 5.5: Evolution in time of the sample longitudinal stress σxx when subjected to different
values for ˙̄ε0 (blue), σmax (red) and β (purple). The dash lines represent decreased quantities,
while full lines represent increased quantities, relatively to the reference value (black full line)

Figure 5.6: Evolution of the compaction in width εyy over time in the sample, when subjected
to different values for ˙̄ε0 (blue), σmax (red) and β (purple). The dash lines represent decreased
quantities, while full lines represent increased quantities, relatively to the reference value (black
full line)

Figure 5.7: Evolution in time of the fiber anisotropy Ωa in the sample, when subjected to
different values for ˙̄ε0 (blue), σmax (red) and β (purple). The dash lines represent decreased
quantities, while full lines represent increased quantities, relatively to the reference value
(black full line)
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Figure 5.8 depicts the final fiber organization obtained with the reference values
(black full line) and with the increased parameters (colored full line). Due to
the cellular contractile forces, the fibers are rotated from their initial orientation
(black dashed line) into the direction of constrainment (�ex-direction). Increased
β and ˙̄ε0 further rotate them when compared to the reference results. Fur-
thermore, the fiber amount is also influenced differently by the parameters. An
increased β extends the fiber syntheses uniformly in all directions. An increased
˙̄ε0 extends the fiber syntheses in all directions excluding the �ey-direction. The
remaining parameter σmax has a small influence on the fiber distribution.

Figure 5.8: Collagen fiber final orientation for the different increased parameters: ˙̄ε0 (a),
σmax (b) and β (c). In the figure, the initial orientation (black dashed line) and the fibers
orientation obtained with the reference parameters (black full line) are also represented

5.3.2 Experiments analysis

The finite element method is adopted to analyze the experimental results of
van Vlimmeren et al. (2011). An isometric uniaxial tensile tension boundary
problem is considered (λx = 0 and λy = 0 in the constrained area and σyy = 0
and σzz = 0 in the middle area) as illustrated in Fig. 5.3. The finite element
model results show that the sample middle area compacts to 53.88% of its
initial width and develops a stress of σxx = 8.17 kPa. The volume fraction J
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decreases over time and it is more accentuated near the sample constrained sites
and middle area (Fig. 5.9).

Figure 5.9: Distribution of the volume fraction J on the sample top side using the reference
parameters. The scale of compaction is represented from white to black showing the most
and the less compacted areas of the sample, respectively

The heterogeneous compaction produces a heterogeneous fiber distribution. The
fibers are synthesized predominantly along the plane spanned by the vectors �ex

and �ey rather than in the �ez direction. In the �ez-direction hardly any fibers
remain. Figure 5.10(a) depicts the Ω1 distribution and orientation along the
top side of the sample and shows that the fiber alignment is predominantly
in the constrained direction. Elsewhere, the fibers are parallel to the sample
boundaries. These changes in orientation are represented in the same figure,
in the points A, B, C and D in Fig. 5.10c (black lines). In addition, the fiber
alignment is higher near the boundaries than in the middle area.

To interpret the effect of the collagen fibers in the formulation, a computation
analysis is also performed neglecting these constituents (k1 = 0 kPa and k2 = 0).
Results show that the sample center compacts to 53.28% of its initial width and
develops a stress of σmax = 6.13 kPa. The distribution of the volume fraction
J remains mostly the same, decreasing more near the sample constrained sites
and less in the sample middle area. The distribution of the principal average
orientation of the fibers Ω1 changes in amount while its main orientation is
maintained (Fig. 5.10(b)). The change in Ω1 amount is especially noticeable in
the sample constrained sites and in the sample middle area. In both areas, the
fibers anisotropy decreases (point B and point D in Fig. 5.10c).

5.4 Discussion

A theory is presented to study the collagen fiber architecture remodeling in TE
constructs under static loading conditions. It is hypothesized that cellular, SF
induced, contractile forces are responsible for collagen alignment. To investigate
this, two models are integrated: the structural constitutive model of Driessen et
al. (2008), describing the mechanical behavior of collagen fibers, and the model
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of Deshpande et al. (2007) describing the SFs turnover in the cell and the stresses
developed by them, in response to mechanical stimuli. It is hypothesized that
the collagen direction and content are equal to the SF direction and activation
level, respectively. With the resulting framework it is possible to describe
experimental results of TE constructs cultured under static loading conditions.
The model captures not only the dimensional changes of the construct, but also
reflects the final fiber arrangement and the heterogeneous distribution of the
collagen orientation.

Figure 5.10: Distribution of the maximum principal eigenvalues (color) and eigenvectors
(arrows) of the mean fiber content Ω1 on the sample top side (Ω1 > 0.33 depicts an
anisotropic sample). The results shown are obtained adopting the reference parameters (a)
and when neglecting the collagen content (b). The scale of alignment is represented from white
to black showing the less and the most aligned areas of the sample, respectively. The local
fiber distribution in points A, B, C and D are also shown (c). The fibers in black reproduce
the local fiber distribution when the reference parameters are considered while the fibers in
grey represent the same distribution when the collagen is neglected

A systematic parameter variation is performed using a semi-analytical formula-
tion. This revealed that increasing the SF parameters ˙̄ε0, the maximum stress
σmax or the activation signal decay time β, results in an increase of the maximum
stress level in the constrained direction (Fig. 5.5), and concomitantly an increase
of the compaction in the unconstrained direction (Fig. 5.6). The opposite is
observed when decreasing these parameters. The ultimate fiber anisotropy is
relatively insensitive to the examined changes in the parameters (Fig. 5.7).

Individually, the parameters affect the results to a different extent. The SF
parameter that mostly influences the sample properties is the time decay β.
In particular, β affects the sample fiber arrangement in the unconstrained
direction. The parameter alters the activation signal C affecting the fiber
synthesis while the fiber disassembly is maintained (Eq. 5.10). For smaller
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β, the time interval during which synthesis occurs is reduced, resulting in the
decrease of activated fibers in the unconstrained direction. A sample with an
enhanced anisotropic fiber arrangement is therefore obtained. For higher β,
the time interval for fiber synthesis is augmented allowing the fibers in the
unconstrained directions to reach a higher activation level. A sample with a
less anisotropic fiber arrangement is therefore obtained. The remaining cell
parameters also alter the sample properties but in a less extensive way. They
optimize the contractile apparatus of the cell without however, interfering in the
anisotropy value. An increase of ˙̄ε0 reduces the number of SFs with zero stresses
in the unconstrained directions and with maximum stresses in the constrained
direction (Fig. 5.1). In the unconstrained directions, this results in an increase in
compaction that causes the fibers to rotate further. The increase in compaction
also affects the isochoric deformation in the constrained direction and therefore
the fiber amount and stresses in this direction. The parameter σmax changes
the SFs stress equally in all directions and therefore, the final fiber arrangement
is not changed.

The finite element predictions correspond with the experimental observations.
The model predicts a decrease in width of 46.12% and a stress in the longitudinal
direction of σxx = 8.17 kPa. These values are comparable with the experimental
data (50% in compaction and stress generation of 8.0±1.3 kPa). The results also
show a sample with a heterogeneous volume fraction distribution J (Fig. 5.9).
The sample compacts more in the middle area and near the sample constrained
sites. In particular close to the constrained sites boundary a reduction in
thickness is observed, locally weakening the strength of the construct. In the
middle area, the sample also compacts since no constrains are applied. This
heterogeneous decrease in volume results in a sample with a heterogeneous fiber
distribution (Fig. 5.10(a)). The model predicts a sample with a final fiber
arrangement with only a few fibers in the out-of-plane (�ez) direction and favors
alignment in the plan spanned by �ex and �ey. In the majority of the sample, the
fibers align in the �ex-direction (direction of constraint) while in the remaining
areas, they align parallel to the boundaries. These results are also observed
experimentally as shown in Fig. 5.11. Furthermore, the final fiber distribution
nearly coincides with the maximum principal stress directions (Fig. 5.13). The
results suggest that the cells compaction forces may explain the stabilization of
the collagen fibers in this direction (Bhole et al. (2009); Boerboom et al. (2003)).

Furthermore, the alignment is higher near the boundaries indicating that cell
compaction and collagen alignment are sensitive to the boundary conditions
(Fernandez and Bausch (2009)). When the effect of collagen is neglected the
sample compaction and generated stress are equivalent to when collagen is
accounted for. However, the anisotropic arrangement of the fibers changes (Fig.
5.10(b)). The fibers appear to increase in amount near the sample boundary.
The increase in content lowers the anisotropy around the constrained sites and
on the edges of the middle region. This difference highlights the shielding
effect of the collagen fibers in the tissue. When the collagen is neglected the
stretch distribution is more heterogeneous with higher stretches in the sample
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constrained areas and lower stretches in the middle area (Fig. 5.12). When the
fibers are included, their stiff properties homogenize the stretch values in these
regions and therefore cells are not subjected to high local deformations.

ex

ey

(a) (b)

Figure 5.11: Representative two-photon laser scanning confocal microscopy image of collagen
in the middle region of a constrained sample after 4 weeks of culture (Rubbens et al. (2009))
(a) with corresponding collagen fiber orientation diagram (b). The collagen fiber orientation
analysis is obtained as described by Daniels et al. (2007)

Figure 5.12: Distribution of the maximum principal stretch eigenvalues [-] (color) and
eigenvectors (arrows). The results shown are obtained adopting the reference parameters.
The scale of alignment is represented from white to black showing the less and the most
stretched areas of the sample, respectively

In the present study the majority of the parameters are obtained from experi-
mental data in literature while only β and ˙̄ε0 are chosen to give predictions con-
sistent to van Vlimmeren et al. (2011). The latter parameters differ significantly
from the ones described in Deshpande et al. (2007). This disparity underlines
the difference between the experimental data they describe, e.g. the differences
between environment dimension (2D and 3D), cell type (endothelium cells and
myofibroblasts), environment (degrading scaffold) and environment scale (cell
microenvironment and global tissue behavior). For instance myofibroblasts
acquire stronger FAs (supermature FAs) that develop stresses in a range of
12 kPa. For that reason, σmax is increased to σmax = 12 kPa. Myofibroblasts
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also incorporate α-smooth muscle actin in their SF that optimize their cellular
contraction when compared to endothelial cells (Hinz et al. (2001)). Therefore
it is reasonable to expect a different β and ˙̄ε0.

Figure 5.13: Distribution of the maximum principal stress eigenvalues [kPa] (color) and
eigenvectors (arrows) adopting the reference parameters. The scale of alignment is represented
from white to black showing the areas of the sample with lower and the higher stresses,
respectively

Several assumptions are made in the model. First, the cell SFs are assumed
to be incompressible structures dependent on the isochoric deformations while
the cell matrix is considered to be a compressible material. After four weeks
of static culture, a significant portion of the scaffold has been degraded. The
degraded components are replaced by de novo synthesized tissue. The new tissue
comprises not only collagen fibers but also additional extra cellular components,
in particular proteoglycans, all synthesized by the cells. The new components
are therefore compacted by the cells while being synthesized. Fluid may also be
squeezed out of the tissue. However, it is difficult to discern these contributions
experimentally. It is assumed therefore, that the new tissue can be modeled as
a composite material with a compressible isotropic matrix. Furthermore, Ofek
et al. (2009) when working with chondrocytes, observed that the intermediate
filaments are the main structures responsible for the cell compressible behavior,
while the actin microfilaments have a negligible role. Second, the new collagen
is considered to be synthesized in an unstretched state and therefore the matrix
and the collagen are considered to have an affine deformation. Third, the
collagen fiber direction is considered to be equal to the cells SF direction. Several
studies show a guiding role of the cells SFs in the proteins transport within
the cells (Canty et al., 2004, 2006). Fourth, collagen content is assumed to
be equal to the SF activation level. Several studies suggest an up regulation
of collagen synthesis when straining cells seeded collagen gels (Kolpakov et
al., 1995; Engelmayr Jr. et al., 2005), while collagen degradation is stress
dependent. Our assumption implies that only collagen fibers stressed by the
cells will persists. This may either be the result of fiber reorientation (higher
the stress, higher the probability that SFs orientate in this particular direction),
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or of an increased resistance against enzymatic degradation of the collagen fibers
with increasing stress. And last, the mathematical simulations only focus on the
last 2 weeks. The experimental data from van Vlimmeren et al. (2011) shows
that the scaffold maintains its integrity in the first two weeks and therefore the
cells cannot compact the tissue. After this period, when part of the scaffold
is degraded, cellular stress causes the tissue to compact. Since the model used
here does not account for the changes of the scaffold mechanical properties we
have focus on the last two weeks of the experimental results.

Despite the simplifications, the present model can describe the compaction, fiber
orientation and stresses in a TE strip under static loading conditions. After
validation, where the distributions for Ω1 and volume fraction can be compared
to experimental data, the models can be used to predict the same properties of
other constructs cultured in the same conditions. The findings here give some
insight into the impact of cell contractile forces on collagen orientation and may
be valuable in the improvement of the loading protocols for TE.



Chapter 6

Collagen remodeling in

statically cultured

engineered tissues

Collagen remodeling is an integral part of TE of cardiovascular tissues to achieve

targeted mechanical properties. The sensors and effects of collagen remodeling

are the cells that produce and degrade collagen and control fiber orientation e.g.

via traction forces developed in their α-actin SFs. Therefore, in the present study

it was hypothesized that during static culture cellular contractile stresses are

mainly responsible for collagen orientation observed in engineered neo-tissues.

A model describing the cellular α-actin turnover and stress generation was

integrated with a structural constitutive model describing the mechanical behavior

of collagen fibers. It was assumed that the collagen fibers orient in the direction

of the actin SFs. The model parameters were chosen to describe experimen-

tally observed collagen orientation, tissue compaction and stress development

in uniaxially constrained TE strips. This set of parameters was subsequently

used to analyze compaction and collagen orientation in statically cultured TE

small diameter arteries. Results show that the model successfully captures the

non-intuitive collagen orientation in these arteries.

The content of this chapter is based on the publication: Soares, A. L. F., van Vlimmeren,
Marijke A. A., Ghazanfari, Samaneh, Driessen-Mol, Anita, Bouten, Carlijn V. C., Oomens, C.
W. J., Baaijens, F. P. T.: 2012, Collagen remodeling in statically cultured engineered tissues,
Biomech. Model. Mechanobiol., (submitted).
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6.1 Introduction

Living tissues show an adaptive response to accommodate changes in their
mechanical environment by remodeling their internal structure and morphol-
ogy. Collagen remodeling is particularly evident during TE of cardiovascular
substitutes. Mechanical loading protocols are used not only to enhance collagen
synthesis, but also to guide the collagen orientation to recapitulate the native
collagen architecture. For example, the collagen architecture in heart valve
leaflets is organized in a hammock-like structure, providing the leaflets with
strength in the circumferential direction, and flexibility in the radial direction,
while a helical orientation is observed in the arteries (Sauren, 1981; Finlay et al.,
1995; Wicker et al., 2008). These specific collagen architectures are also reflected
in the anisotropic biomechanical properties of these tissues (Lanir, 1983; Sacks,
2003). Mathematical models can be of great value to gain insight into these
remodeling processes and may provide guidelines to induce the desired collagen
orientation in engineered constructs.

The first generation of mathematical models regarding collagen remodeling
focused on growth (separability hypothesis by Rodriguez et al. (1994)). This
approach was successfully used to model cardiovascular systems by Taber et
al. (Taber and Eggers, 1996; Taber, 1998), Ambrosi et al. (Ambrosi and
Guana, 2007; Ambrosi and Guillou, 2007), and Alford et al. (2008). Yet, the
majority of these models only consider the effect of tissue growth in the colla-
gen fiber content, disregarding collagen fiber orientation. Later, other models
have included fiber orientation remodeling (Baaijens et al., 2010). Humphrey
(1999) studied collagen remodeling in soft connective tissues by considering the
deposition and degradation of collagen fibers. Boerboom et al. (2003) assumed
that collagen align with the strain field and that fiber content increases with
fiber strain. Later, Driessen et al. (2008) assumed that collagen fibers align
with preferred directions situated in between the principal loading directions.
Following this hypothesis, Driessen et al. could successfully predict the typical
fiber architecture found in native arterial walls and heart valve leaflets. However,
the majority of the models link collagen synthesis to external mechanical stimuli
and therefore, they failed to describe the collagen architecture of TE samples
developed under static constrained loading conditions. Experiments under these
conditions also show a significant compaction of the tissue (Barocas and Tran-
quillo, 1997; Shi and Vesely, 2003; van Vlimmeren et al., 2011). To account for
traction-induced matrix reorganization within compacting tissue-equivalents,
Barocas and Tranquillo (1997) presented an anisotropic biphasic theory. In
these studies, however, the effect of collagen fiber alignment on the mechanical
properties of the ECM was left out of consideration. Soares et al. (2011)
hypothesized that stresses and strains that develop in the tissue construct as a
result of the tissue compaction are responsible for the collagen fiber organization
and the model developed by Driessen et al. (2008) was extended to include
compaction. This model successfully described the collagen architecture of small
diameter TE vessels under static loading conditions. However, it is still not
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completely understood how cells compact the tissue and remodel the collagen
architecture.

In cardiovascular tissues, collagen is predominately produced by fibroblasts and
fibroblast-like cells (myofibroblasts). Several studies suggested a guiding role
of the cell cytoskeleton in the protein transport within the cell (Canty et al.,
2004, 2006; Gealy et al., 2009). Other studies indicated that the co-alignment
of collagen fibers and cells may also be the result of the contractile forces
generated by the cells (Stopak and Harris, 1982; Tan et al., 2003; Yang et
al., 2006; Friedrichs et al., 2007; Vader et al., 2009). Furthermore, cells do
not only apply force to the extra-cellular matrix, the culture substrate also
affects cells morphology (Eastwood et al., 1998; Wang et al., 2001). Cells react
to the resistance they sense through cytoskeletal reorganization (and other
cellular processes). For example they orient differently when submitted to
static or dynamic conditioning. This complex interplay must be accounted
for in a collagen remodeling mathematical framework. The model could then
assist in predicting cellular responses to mechanical stimuli, the development of
contractile forces and collagen orientation.

The majority of cell models assume a passive response of the cell and its
subcellular structures to a stimulus (Lim et al., 2006). Yet, cells develop
contractile forces and their orientation depends on the boundary conditions
imposed on to the tissue. Deshpande et al. (2006), when modeling cells as
active structures, focused on the orientation of the SFs and associated the
cell alignment to the assembly and disassembly of these structures. With this
theory, they predicted the alignment of cells in the load direction in an isometric
uniaxial tension boundary problem and the nearly perpendicular orientation to
the stretch direction during dynamic loading (Deshpande et al., 2007; Wei et
al., 2008).

The objective of the present work was to evaluate if the contractile stresses
developed by the cells could explain the collagen orientation in TE cardiovas-
cular substitutes developed under static culture conditions. Statically cultured
tissues gradually compact as a result of the contractile stresses developed by
the cells. It was hypothesized that the orientation of the collagen fibers follows
the orientation of the SFs. The structural constitutive model from Driessen
et al. (2008) and the SF model of Deshpande et al. (2007) were combined.
The resulting computational framework was sensitive to the local mechanical
properties and accounts for the interaction between actin SF and collagen fiber
orientation. The model parameters were obtained by capturing the compaction
and stresses that develop in uniaxially constrained TE strips. Using this set of
parameters the computational model successfully predicted tissue compaction
and collagen orientation in a statically cultured small diameter artery.
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6.2 Material and methods

6.2.1 Constitutive model

The engineered samples were modeled as compressible fiber reinforced tissues
(Holzapfel et al., 2000). The total Cauchy stress was defined as:

σ = τ̂ +
3

4π

∫
S

(φfϕf + σcf )�ef�efdS. (6.1)

where, τ̂ is the isotropic stress representing the combined effect of the passive
behavior of the cells and all ECM components (e.g. proteoglycans), except for
collagen. The second term of the right hand side represents the collagen and SF
contributions to the total stress. In this term, φf stands for the collagen volume
fraction, ϕf for the collagen stress and σcf for the cell stress, each estimated
along the N fiber directions in the current configuration �ef . The integral is
calculated over the unit sphere S.

A compressible Neo-Hookean material law with a shear modulus G and a bulk
modulus κ was used to describe the isotropic stress τ̂ :

τ̂ = κ

(
ln J

J

)
I +

G

J

(
B − J2/3I

)
, (6.2)

where J stands for the volumetric part of the deformation tensor (J = det(F )).
The Finger stretch or left Cauchy-Green deformation tensor (B) is defined as
B = F.F T , with F the deformation gradient tensor. The collagen fiber stress
ϕf was given by:

ϕf =

⎧⎪⎨
⎪⎩

2k1λ
2
f

(
λ2

f − 1
)
ek2(λ2

f−1)2

, λf ≥ 1

0, λf < 1,

(6.3)

where k1 and k2 are material parameters (Holzapfel et al., 2000). The fiber
stretch λf was calculated from:

λf =
√
�ef0.C.�ef0, (6.4)

with C = F T .F the right Cauchy-Green deformation tensor. Hence, the fiber
direction in the current configuration �ef was determined from the fiber direction
in the reference configuration �ef0:

λf�ef = F .�ef0. (6.5)

The contribution of the cells was described by the theory of Deshpande et
al. (2007). Cells generate stresses resulting from the contractile properties
of their α-actin SFs. The α-actin-fiber cytoskeleton was assumed to be an
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incompressible structure and therefore, the cell stress σcf was related to the
isochoric strain rate ˙̄ε. The cross bridge dynamics relation was given by a
Hill-like equation:

σcf

σc0
=

⎧⎪⎪⎪⎪⎪⎪⎪⎨
⎪⎪⎪⎪⎪⎪⎪⎩

1
ρ + kv

ηf ρ

(
˙̄ε
˙̄ε0

)
˙̄ε
˙̄ε0
< −

ηf

kv

1 + kv

ηf

(
˙̄ε
˙̄ε0

)
−

ηf

kv
≤ ˙̄ε

˙̄ε0
≤ 0

1 + kv

ηf ρ

(
˙̄ε
˙̄ε0

)
˙̄ε
˙̄ε0
> 0,

(6.6)

where the nondimensional constant kv is the fractional reduction in fiber stress
upon increasing the shortening rate by ˙̄ε0 and ηf is the activation level of the SF
bundles. The parameter σc0 stands for the isometric stress at activation level ηf

(σc0 = ηfσmax), with σmax the tensile stress that the SF exert at full activation
(ηf = 1). In the previous equation, the isochoric Green-Lagrange strain rate ˙̄ε
in the direction of �ef was given by

˙̄ε = �ef0.
˙̄E.�ef0, (6.7)

with the isochoric deformation tensor defined by F̄ = J−1/3F .

The parameter ρ ensures numerical stability of Eq. 6.6 defining the slopes of
the function for ε̇

˙̄ε0
< −

ηf

kv
and ε̇

˙̄ε0
> 0 (Fig. 6.1).

Figure 6.1: Hills-like stress stretch relation for the cell. For ε̇
˙̄ε0

< −
ηf

kv
,

σcf

σc0
≈ 0 while for

ε̇
˙̄ε0

> 0,
σcf

σc0
≈ 1

6.2.2 Cellular stress-fibers and collagen model

The mechanical response of the SFs was assumed to be triggered by an activa-
tion signal. The parameter describes the activation signal (nervous impulse,
biochemical or mechanical perturbation) that triggers the formation of the
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SF components. In other words, it represents the signaling activities of Rho
GTPases, which are one of the main regulators of the cytoskeleton (Alberts et
al., 2002). In this study, the details of the signaling pathways were not taken
into account and only the net effect was considered in the model. The level of
the signal was given by:

C = exp (−t/β) , (6.8)

where β is the decay constant of the signal and t is the time measured from the
instant of the most recent signal. The level of the signal resides in the range,
0 ≤ C ≤ 1. The signal initiates the formation of the SF parameterized by
the activation level ηf (0 ≤ ηf ≤ 1). The evolution of ηf was assumed to be
governed by a first-order kinetic equation:

η̇f =

⎧⎪⎪⎪⎪⎪⎪⎨
⎪⎪⎪⎪⎪⎪⎩

[1 − ηf ]
Ckf

β − ηf
kb

β , σcf < 0

[1 − ηf ]
Ckf

β −
[
1 −

σcf

σc0

]
ηf kb

β , 0 ≤ σcf < σc0

[1 − ηf ]
Ckf

β , σcf ≥ σc0,

(6.9)

where η̇f denotes differentiation with respect to time t, measured from the
instant of the application of the first signal. The activation level ηf consist of
a synthesis fraction that depends on the activation signal C and a reabsorption
fraction that depends on the stresses developed by the SF. The dimensionless
constants kf and kb govern the rate of formation and dissociation of the fiber,
respectively. With the defined activation signal C the formation of SF is initially
high and decreases with time. On the other hand, the fiber is reabsorbed if it
does not develop the maximum stress.

Finally, the collagen fibers were assumed to have the same direction as the
cellular SFs and its content φf was also assumed equal to the SF activation
level ηf .

6.2.3 Tissue engineered constructs boundary conditions

Tissue engineered strips

TE strips (length × width × thickness = 18 × 5 × 1 mm) were obtained
as described by van Vlimmeren et al. (2011). Briefly, the constructs were
engineered using a fast-degrading polyglycolic acid (PGA) scaffold coated with
poly-4-hydroxybutyrate (P4HB). The scaffold was mounted into a model system
to quantify the development of stress and compaction over time during culture.
The model system consisted of a frame in which two sliding blocks are positioned
(Fig. 6.2). In between the two sliding blocks, the TE constructs were cultured.
One sliding block was fixed while the other sliding block was connected to the
metal frame via two leaf springs. Therefore, the system assured a constant
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Figure 6.2: TE construct after 4 weeks of culture. The model system consists of a stainless
steel frame with two sliding blocks. In between the two sliding blocks, the TE constructs
are cultured. One sliding block (1) is fixed. The other sliding block (2) is connected to the
metal frame via two leaf springs. Therefore the system assures a constant length and the
displacement of the second sliding block is related to the generated force within the tissue
(modified from van Vlimmeren et al. (2011))

length and the displacement of the second sliding block was related to the
generated force within the tissue. After mounting the sample in the set-up,
human myofibroblasts were seeded onto the scaffold using fibrin as a cell carrier.
The constructs were subsequently cultured under constrained static loading
conditions for 4 weeks. During the first 2 weeks of culture, the scaffold resisted
internal stress build up by the cells and the tissue did not compact nor develop
externally measurable stress. However, after 4 weeks, the tissue had compacted
to half of its initial width. The generated stress had also increased during
the culture period, up to 8.0 ± 1.3 kPa (Fig. 6.3). Additionally, TE strips
(length × width × thickness = 25 × 3 × 1 mm) were cultured to measure
the collagen orientation. The collagen fiber orientation was obtained with
two-photon laser scanning confocal microscopy (TPLSCM) using an established
protocol (Rubbens et al., 2009).

Figure 6.3: Average values for the compaction in width (A) and stress (B) from TE strips
developed under static loading conditions (van Vlimmeren et al., 2011). The error bars
represent the standard error of the mean of the experimental results. The constitutive model
fits the experimental data quite well and the estimated material parameters are summarized
in Table 1
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Tissue engineered small diameter vessels

Small diameter blood vessels constructs (radius × thickness × length = 1.5 ×
1 × 35 mm) were obtained as described by Stekelenburg et al. (2009). Briefly,
the tubular construct were engineered using a fast-degrading polyglycolic acid
(PGA) scaffold coated with poly-4-hydroxybutyrate (P4HB). The tubular con-
structs were then slid over a silicone tubing, mounted in a sterile bioreactor
and fixed by sutures (Fig. 6.4). The silicone tubing assured a constant internal
radius and the sutures ensured a constant length. Afterwards, the constructs
were seeded with human myofibroblasts using fibrin gel as cell carrier and
cultured under static loading conditions in the bioreactor for 4 weeks. After
four weeks of culture the vessels had decreased in thickness from the initial
1.0 mm to 0.57 mm. A sliding of the material was measured in the axial
direction (λz = 0.88). The collagen fiber orientation was also obtained with
TPLSCM following the protocol as described by Rubbens et al. (2009).

Figure 6.4: Bioreactor setup. The tubular construct (@ in b) is mounted over a silicone tubing
(↓ in a) in the bioreactor and fixed by sutures (↓ in c). The ends of the tube are connected
to small diameter metal vessels (∗ in c). These vessels enable the application of a dynamic
internal pressure to the silicon tube. In this study; however, no internal pressure is applied to
the silicone tube. The remaining two tubes (# in c) are used to refresh the culture medium
during tissue culture (modified from Stekelenburg (2006))

6.2.4 Geometry and boundary conditions

Tissue engineered strips

Due to symmetry, only 1/8 of the strip was used in the finite element computa-
tions and the normal displacements in the symmetry surfaces were constrained
(Fig. 6.5). An isometric uniaxial tension boundary problem was considered,
where the displacements in the �ex− and �ey−directions were constrained at the
left side of the sample. The sample dimensions were taken from the experi-
mental data. A 2 weeks time frame was considered since compaction and stress
generation were only visible in the experimental results during this period of
time.
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Figure 6.5: Schematic representation of the isometric uniaxial tension boundary problem
under consideration. Solid lines represented the mesh used in the finite element calculation
within the complete sample (dashed line).The sample length L, width W and thickness T are
also represented.

Tissue engineered small diameter vessels

The small diameter vessel was modeled as a single-layered thick-walled cylinder.
Due to symmetry only 1/4 of the vessel was used in the finite element analysis.
The geometrical parameters and boundary conditions were chosen to mimic the
TE conditions of the small vessel constructs (Fig. 6.6) e. g., the displacements in
the radial direction were constrained at the inner tubular surface. The structure
was allowed to slide in the �ez-direction until a maximum force defined as F =
Gb(2 − λz) was achieved. The Young modulus was set to Gb = 10 kPa so
that the final numerical sliding approximates the experimental λz = 0.88. The
sample dimensions were taken from the experimental data.

Figure 6.6: Schematic representation of the mesh and boundary problem under consideration
for the TE small diameter vessel problem. Solid lines represented the mesh used in the finite
element calculation within the complete sample (dashed line).The vessel length L, internal
radius R and thickness H are also represented

.



90 Chapter 6. Collagen remodeling in statically cultured engineered tissues

Table 6.1: Overview of the reference values of the parameters used in the model and the
range of variation for the performed parameter study. The parameters are obtained from (*)
Deshpande et al. (2007) (**) Rubbens et al. (2009) and (***) Goffin et al. (2006)

Parameter Description Value
G Shear modulus * 0.030 kPa
k Bulk modulus * 0.064 [−]
k1 Collagen parameter ** 255.4 kPa
k2 Collagen parameter ** 1.787× 10−4 [−]
kv Fractional reduction in SF stress * 10 [−]
ρ Convergence parameter * 100 [−]
˙̄ε0 SF reference shorting rate 4.04 μs−1

σmax SF stress at full activation *** 12 nN/μm2

β Activation signal decay constant 165.6 Ks
kf SF formation rate * 10 [−]
kb SF dissociation rate * 1 [−]

6.2.5 Parameters

The set of parameters used by Deshpande et al. (2007) was chosen to capture
the experimental results obtained by Tan et al. (2003). Here, the selected
parameters aimed to describe experimental results of van Vlimmeren et al.
(2011). The experimental data was obtained with myofibroblasts cultured in a
3D environment during a time period of 4 weeks. These experimental conditions
differ from the experiments of Tan et al. regarding cell type, environment,
dimensions and culture time.

Based on the experimental results of van Vlimmeren et al. (2011), the decay
constant β of the activation signal and the fiber strain rate reference constant
˙̄ε0 were estimated as β = 165.6 × 103 s and ˙̄ε0 = 3.080 × 10−6, respectively.
The fiber tensile stress at full activation σmax was set to 12 nN/μm2 since
previous results from Goffin et al. (2006) have shown that myofibroblasts develop
supermature FAs that are known to generate forces in this range. The cell and
extracellular environment were assumed to share a similar shear modulus. The
shear modulus was obtained from Deshpande et al. (2007) and therefore set to
G = 0.030 kPa. The cellular bulk modulus was set to κ = 0.064, in line with
experimental measurements in live cells (Maniotis et al., 1997). The collagen
parameters k1 and k2 were estimated by fitting the model of Driessen et al.
(2008) to the stress-strain curves of TE strips developed for 2 weeks under
static loading conditions (Rubbens et al., 2009). The model fitted these data
well (R2 = 0.9995) and the fiber parameters obtained were: k1 = 255.4 kPa
and k2 = 1.787×10−4. The parameter ρ was set to ρ = 100 to ensure numerical
stability. The parameter values are summarized in Table 6.1.
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6.3 Results

6.3.1 Tissue engineered strips

The model describes the experimental data of the TE strips (Fig. 6.3) well.
The computational results describe a compaction of 53.9% relative to the initial
width and the stress generation of σxx = 8.2 kPa. The volume fraction J
decreases over time and is more accentuated near the constrained sample sites
and in the middle area (Fig. 6.7), consistent with experimental observations
(Fig. 6.2). The heterogeneous compaction produces a heterogeneous fiber distri-
bution. The predicted fiber synthesis is predominantly along the plane spanned
by the vectors �ex and �ey rather than in the �ez direction along which the amount
of fibers is reduced.

Figure 6.7: Distribution of the volume fraction J on the sample top side using the reference
parameters. The scale of compaction is represented from white to black showing the most
(white) and the less (black) compacted areas of the sample, respectively

To describe the degree of fiber anisotropy, a second-order fiber orientation tensor
Ω, capturing the average orientation of the local fiber distribution is defined
(Stylianopoulos and Barocas, 2007):

Ω =
1

ξtot

N∑
i=1

ξi
f �ef

i �ef
i, (6.10)

where ξf stands for the fibers content and ξtot the total fibers content. For
the isotropic case the principal average orientations are equal (Ω1 = Ω2 =
Ω3 = 0.33), while for anisotropic networks the maximum principal value is the
measure of fiber alignment in its respective direction.

The model predicts the alignment of the collagen predominantly in the con-
strained direction, as observed in the distribution and direction of Ω1 (Fig.
6.8). Where this specific alignment is not observed, the fibers are parallel to the
sample boundaries. These distinct fiber orientations are represented in points
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Figure 6.8: Distribution of the maximum principal eigenvalue (color) and eigenvector (arrows)
of the mean fiber content Ω1 on the sample top side (Ω1 > 0.33 represents a anisotropic
sample). The scale of alignment is represented from white to black showing the less (white)
and the most (black) aligned areas of the sample, respectively. The local fiber distribution in
points A, B, C and D are also represented

A, B, C and D (black arrows). The numerical results are in agreement with
experimentally obtained TPLSCM images of the TE strip: the fiber orientations
are mainly along the constrained direction, and parallel to the boundaries near
the constraints (Fig. 6.9).

6.3.2 Tissue engineered small diameter vessels

The same set of parameters was used to analyze the compaction and collagen
orientation in statically cultured TE small diameter arteries. The computational
model predicts a radial compaction of 47%, which compares well with the
experimentally observed compaction of 57%. The volume fraction J is lower
near the lumen and increases towards the outer side of the vessel (Fig. 6.10a).
The fiber orientation is also successfully predicted (Fig. 6.11). The model
predicts a circumferential orientation of fibers near the lumen of the vessel and
a longitudinal orientation along its outer wall. These findings are in accordance
with the experimental results.

The TPLSCM images of the inner and outer surface of the TE small vessels
and their fiber orientations are shown in Fig. 6.11. The results show collagen
fibers (green) and cells (blue) oriented circumferentially at the inner surface and
longitudinally at the outer surface.
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Figure 6.9: Representative TPLSCM images of collagen fibers (grey) of TE strips after 3
weeks of culture. Collagen fibers main direction is align in the constrained direction which
is from left to right. When this alignment is not observed, the fibers align parallel to the
boundary conditions. The scale of alignment is represented from yellow to blue showing the
most (yellow) and less (blue) aligned areas of the sample, respectively

Figure 6.10: Volume fraction J (A) and Cauchy stress σ (B) as a function of the radius r of
the TE small diameter vessel

6.4 Discussion

A theory was presented to study the collagen fiber orientation in TE constructs
under static loading conditions. It was hypothesized that cellular SF contractile
forces are responsible for collagen alignment. To examine this, two models were
integrated: the structural constitutive model from Driessen et al. (2008) describ-
ing the mechanical behavior of collagen fibers and a SF model from Deshpande
et al. (2007), describing the SF turnover in the cell and the stresses developed by
them. It is assumed that the collagen direction and content are equal to the SF
direction and activation level. The model parameters were chosen to describe
the compaction and stress generation in uniaxially constrained TE strips. The
model accurately captured the heterogeneous fiber arrangement observed in
the experiments (Fig. 6.9). Using this set of parameters, the compaction
and collagen orientation in statically cultured small diameter arteries was also
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Figure 6.11: Fiber content along the vessel wall obtained numerically (top) and experimentally
(bottom). The numerical value corresponds to the principal mean fiber contents Ω. The
experimental values are obtained from TPLSCM images of collagen fibers near the vessel
lumen and outer wall. The numerical and experimental local fiber distribution in points A, B
and C are also represented and compared

predicted successfully. Remarkably, the non-intuitive collagen orientation (in
particular the longitudinal collagen orientation along the outer wall) in these
engineered arteries was captured by the computational model.

In the present study, the majority of the parameters were obtained from experi-
mental data in literature and only β and ˙̄ε0 were chosen to give predictions con-
sistent with van Vlimmeren et al. (2011). These parameters differ significantly
from the ones described in Deshpande et al. (2007). This disparity underlines
the differences between the experimental circumstances they described and the
situation investigated in this work. These differences include dimensionality
(2D vs 3D), cell type (endothelium cells vs fibroblasts and myofibroblasts) and
length scale (cell vs tissue). For instance myofibroblasts acquire stronger FAs
(supermature FAs) that develop stresses in a range of 12 kPa. For that reason,
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σmax was increased to 12 kPa. Myofibroblasts also incorporate α-smooth muscle
actin in their SF that optimize their cellular contraction when compared to
endothelial cells (Hinz et al., 2001). Therefore it is reasonable to expect a
higher β and a lower ˙̄ε0.

Figure 6.12: Distribution of the maximum principal stress eigenvalues [kPa] (grey scale) and
eigenvectors (arrows) adopting the reference parameters. The scale of alignment is represented
from white to black showing the areas of the sample with lower and the higher stresses,
respectively

In the model several assumptions were made. The cell SFs were assumed to be
incompressible structures dependent on the isochoric deformation while the cell
matrix is considered to be a compressible material. Working with chondrocytes,
it was observed that the intermediate filaments are the main structures respon-
sible for the cell compressible behavior while the actin microfilaments have a
negligible role (Ofek et al., 2009). It was also assumed that any new collagen
was synthesized in the initial reference configuration. In reality, collagen is syn-
thesized continuously and the reference configuration of the newly synthesized
collagen changes continuously. The model could be adjusted to accommodate
this by incorporating concepts developed by Humphrey (1999). Finally, the
collagen fiber direction was considered to be equal to the SF direction, and
the collagen content was assumed to be equal to the SF activation level. This
was hypothesized to reflect experimental observations. Several studies suggest
an up-regulation of collagen synthesis when straining cell seeded collagen gels
(Kolpakov et al., 1995; Engelmayr Jr. et al., 2005). In a number of studies it was
shown that collagen degradation is impaired by tensile stresses along the collagen
fiber (Bhole et al., 2009). The predicted fiber distributions nearly coincide
with the maximum principal stress directions (Fig. 6.12 and Fig. 6.10b),
consistent with these experimental findings. This may either be the result
of stress induced fiber reorientation (higher the stress, higher the probability
that SFs orient in this particular direction) or an increased resistance against
enzymatic degradation of the collagen fibers with increasing stress.
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The analysis only focused on the last 2 weeks of culture. The experimental
data from van Vlimmeren et al. (2011) shows that the scaffold maintains its
integrity in the first 2 weeks and therefore, the tissue cannot compact. After
this period, when part of the scaffold is degraded, cellular contraction and stress
generation was measurable. Since the model does not account for the changes
of the scaffold mechanical properties it appeared acceptable to focus only on
the last 2 weeks of the experimental results.

Despite the simplifications, the present model described the compaction, fiber
orientation and stresses in a TE strip under static loading conditions. After
validation, the model can be used to predicted the same properties of other
constructs cultured in the same conditions, such as small diameter vessels as
described in this study. Furthermore, these findings give insight into the im-
pact of cell contractile forces on collagen orientation and are valuable in the
improvement of the loading protocols for TE.



Chapter 7

General discussion

97
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7.1 Introduction

Commonly, heart valve replacements consist of non-living materials lacking
the ability to grow, repair and remodel. TE offers a promising alternative to
these replacement strategies since it can overcome their disadvantages. This
technique aims to create an autologous living tissue with the potential to grow
and adapt in response to changing functional demands. The concept is based
on seeding autologous cells on a biodegradable material and delivering the
mechanical and biochemical stimuli in a bioreactor system to stimulate tissue
development. In TE of cardiovascular tissues, it is crucial to obtain a tissue
equipped with appropriate mechanical properties to withstand the hemody-
namic loads. The mechanical properties are defined by a well organized network
of collagen fibers. Therefore, mechanical conditioning should be optimized
to create TE cardiovascular tissues with a properly organized collagen fiber
network. Collagen orientation in engineered tissues is related to mechanical
stimuli yet, the mechanism itself is not fully understood. It is known that in
cardiovascular tissues, collagen is predominately produced by fibroblasts and
fibroblast-like cells (myofibroblasts). Collagen fibrils align with cells in many
native tissues. Several studies suggest a guiding role of the cell cytoskeleton in
directing collagen synthesis. Furthermore, the co-alignment of collagen fibers
and cells may also be the result of the contractile forces generated by the cells’
α-actin fibers. Cells also react to the resistance they sense by reorganizing
their cytoskeleton. For example, they orient differently when submitted to
static or dynamic conditioning. Within the conditioning protocols, the cellular
response to mechanical stimuli, the development of contractile forces and the
collagen synthesis direction play a crucial role. It is essential to investigate
these processes to improve protocols and optimize TE mechanical properties.
Yet, these processes are highly coupled and may only be unraveled with the
assistance of mathematical models.

7.2 Conclusion

7.2.1 Related to the stated problem

In this thesis, focus was given on studying the collagen architecture remo-
deling in cardiovascular tissues. First, native tissues were investigated. A
structure-based model (Driessen et al., 2008) was applied to assess and evaluate
the mechanical properties of pairs of AVs and PVs (Chapter 2). FEAs were
performed to simulate the mechanical response of both leaflets to a transvalvular
aortic pressure load. Furthermore, remodeling laws were applied to assess the
change in properties of the PV leaflets in this position. The results from biaxial
tensile tests were used to determine the model parameters. When the results
from both valves were compared, the PV was found to be more extensible and
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less anisotropic than the AV. Under the AV environment, the stresses in the
PV leaflet were also higher and the coaptation area was smaller than in the
AV leaflets. Furthermore, our study showed that the PV leaflets appeared
to remodel by increasing their thickness and rotating their fibers towards the
circumferential direction. Yet, this remodeling did not result in properties that
are completely identical to the AV leaflet.

Although Driessen et al. model succeeded in predicting the typical collagen
fiber architecture found in the native leaflet, it appeared to be unsuitable to
describe the collagen remodeling in TE tissue developed under static loading
conditions. During static culture, experiments show that these tissues gradually
compact due to contractile stresses developed by cells. These results suggest
that collagen alignment under static loading conditions is a result of tissue
compaction. Therefore, compaction was incorporated in the model by Driessen
et al. employing the volumetric growth theory (Chapter 3). Using this extended
model, the distribution of the collagen architecture of TE vessels developed
under static loading conditions could be successfully described. However, the
underlying mechanism for tissue compaction was not incorporated in the model,
but assumed a priori. Therefore, the mechanisms by which the cells remodel the
collagen architecture were discussed in Chapter 4. A new hypothesis was formu-
lated and collagen orientation was linked to contractile stresses that develop in
the α-actin fibers of the cell. For this purpose, two models were integrated: the
first one describing the mechanical behavior of collagen fibers and the second
one the synthesis and degradation of α-actin SFs in the cell and the active,
contractile forces that also develop in the cells. It was assumed that the collagen
direction and content were equal to the α-actin SF direction and activation level.
A feasibility study was performed and the influence of the different parameters
were evaluated (Chapter 5). The framework was then applied to study the
collagen remodeling of TE constructs developed under static loading conditions
(Chapter 6). The model successfully described the experimental results of TE
strips developed under static loading conditions. The model also successfully
predicted the non-intuitive collagen orientation in TE small diameter vessels.

In conclusion, the results revealed the importance of an anisotropic collagen
arrangement for the proper functioning of the native leaflets. The results also
show that tissue compaction is essential to define the collagen architecture in TE
tissues developed under static loading conditions. Therefore, tissue compaction
should not be completely removed when trying to achieve tissues with native-like
mechanical properties.

7.2.2 Related to the numerical tools

The current model focusses mainly on the collagen fiber orientation however,
the effect of remodeling on other collagen fiber properties such as fiber content,
thickness and cross-linking should also be addressed when studying the remo-
deling in native cardiovascular tissues. The effects of changes in the amount of
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cross-links in native tissues was studied in literature (Dahl et al., 2005; Balguid
et al., 2007). In addition, Balguid et al. (2008) associated native heart valve
large stresses with higher collagen average fiber thickness. In TE cardiovas-
cular tissues, mechanical stimulation is also known to affect the expression
of various collagen types (Carver et al., 1991; Villarreal and Dillmann, 1992).
van Vlimmeren et al. (2012) observed that decellularized constructs developed
under static loading conditions maintained residual stresses within the ECM.
Balguid et al. (2007) measured cross-links in tissue strips developed under the
same conditions. Therefore, the residual stresses within the ECM found by
van Vlimmeren et al. (2012) may be linked to the collagen rearrangement and
crosslinking by cells. Yet, for simplification, the crosslinks were not included in
the mathematical framework for studying collagen remodeling in TE samples.

Although the predicted collagen fiber architecture agreed qualitatively with
observations from literature, a quantitative validation still needs to be performed
for the native valves. Several techniques exist to determine the collagen archi-
tecture quantitatively and experiments on both native and TE tissues should be
performed. Techniques such as small angle light scattering (Billiar and Sacks,
2000; Sacks, 2003), polarized light microscopy (Finlay et al., 1995; Canham
et al., 1997), confocal (reflection) laser scanning microscopy and two-photon
microscopy, using fluorescent probes to label collagen (Rubbens et al., 2009;
Soares et al., 2011) can be used to assess the collagen architecture. Further-
more, accurate reconstructions of the AV and PV root should be obtained
that incorporate the different components of the structure. Imaging techniques
such as magnetic resonance imaging (MRI) or computer tomography (CT) are
commonly used for arterial reconstruction (Long et al., 1998; Antiga et al., 2002)
and may also be employed here.

Other proteins than collagen also define the mechanical properties of the tissues.
Elastin provides the tissue with resilience and elasticity (Vesely, 1998; Holzapfel
et al., 2000) and disturbances in the protein homeostasis in heart valves and
arteries are believed to represent an underlying cause of valve replacement failure
(Schoof et al., 2006) and the formation of aneurysms (Anidjar et al., 1990).
Therefore, elastin formation has been acknowledged as a missing component for
a complete biomechanical function of TE cardiovascular replacements (Patel et
al., 2006). Yet, remodeling of this protein was not incorporated in the model.
Furthermore, in TE constructs under development, the new collagen fibers are
synthesized at different time points. The fibers are therefore related to different
stress states, a condition not accounted for in the present model. The model
should be adjusted to accommodate this by incorporating concepts developed
by Humphrey (1999).

The assumption of affine fiber kinematics should also be reconsidered for native
tissue. Billiar and Sacks (1997) showed that fiber kinematics in the AV are
to some extent non-affine, and Chandran and Barocas (2006) demonstrated
that non-affine fiber kinematics has clear effects on the mechanical behavior of
collagen networks. Regarding the TE constructs, the model also assumes affine
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behavior of cells and collagen fibers. The transfer of strain to the cells within a
substrate depends on the microstructure surrounding the cell and how the cell is
attached to the substrate. Therefore, for complex entangled collagen networks
the strain experienced by the cells can be lower than global applied strains as
demonstrated by confocal microscopy (Pedersen and Swartz, 2005; Roeder et
al., 2009). In TE constructs developed under static loading conditions, the cells
and collagen fibers are highly aligned and, therefore, an affine behavior can
be assumed. On the other hand, the assumption that cells and collagen fibers
can be modeled as parallel structures is questionable. Cells are connected to
the collagen fibers by cell-matrix adhesion protein complexes that behave like
sensors linking the ECM to the cellular cytoskeleton. These FAs are connected
to the cytoplasmic face by the actin cytoskeleton and on the extracellular face
by the ECM. Chen (2008) argues that a cytoskeletally generated force leads to
stress in the FA because an equal and opposite reactive force arises in the ECM.
Furthermore, collagen networks also appears to be mechanosensitive as they are
stabilized by mechanical strain (Bhole et al., 2009). Friedrichs et al. (2007) also
observe that cells deform the matrix by reorienting individual collagen fibers.
Therefore, collagen mechanosensitivity may work together with cell contractile
forces to sculpt collagenous tissues.

The model does not include changes in the matrix properties over time besides
the collagen orientation. For the constructs considered here, during the two
first weeks the scaffold maintains its integrity and, therefore, the tissue cannot
compact. Afterwards, when part of the scaffold is degraded, cellular contraction
and stress generation were observed. Since the model does not account for the
changes of the scaffold mechanical properties it appeared acceptable to focus
only on the last 2 weeks of the experimental results. On the other hand, the
degradation over time is a key factor in the development of tissue compaction
and the collagen alignment. Wang et al. (2001) related the orientation of cells
to the organization of the collagenous matrix produced by the cells. Also,
contractile cell behavior is affected by the carrier material stiffness (Legant et
al., 2009; John et al., 2010). Furthermore, (micro) topographic cues appear to
dominate over mechanical loading (Loesberg et al., 2005).

In the current model, the cell parameters where chosen to characterize the
myofibroblasts generally utilized in our group for the TE approach. However,
contractile cell behavior differs between cell sources (Eastwood et al., 1998)
and tissue compaction increases when cell density increases and decreases when
the density of the provided natural scaffold material increases (Shi and Vesely,
2003). Furthermore, activation of cell-cell contacts is involved in mechanotrans-
duction yet, it was not included in the model. In the model, the key feature
for cell SF formation is an activation signal (nervous impulse, biochemical or
mechanical perturbation). This signal represents the signaling activities of Rho
GTPases, which are one of the main regulators of the cytoskeleton (Alberts et
al., 2002). In this study, the details of the signaling pathways are not taken
into account and only the net effect is considered in the model. Although
this activation signal has a physiological explanation, it is difficult to validate
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it experimentally. Some of the cell parameters do not have a physiological
meaning, while others are related to intrinsic properties of the SF formation and
difficult to separate from other processes. Therefore, designing experiments to
obtain them becomes extremely difficult. The cell SFs were also assumed to be
incompressible structures dependent on the isochoric deformation, while the cell
matrix is considered to be a compressible material. Working with chondrocytes,
it was observed that the intermediate filaments are the main structures respon-
sible for the cell compressible behavior, while the actin microfilaments have a
negligible role (Ofek et al., 2009). For simplification, FAs were not included in
the model. Yet, cells interact with ECM proteins through the formation of these
multi-molecular complexes (Alberts et al., 2002). Both the formation of FA and
SFs are controlled mechanically therefore the inclusion of FAs is not expected
to have major impact on the results. Yet, in more complex protocols their role
may be crucial in determining collagen orientation.

Finally, the collagen fiber direction was considered to be equal to the SF di-
rection, and the collagen content was assumed to be equal to the SF activa-
tion level. Collagen fibrils co-align with cells in many tissues, suggesting that
cell orientation plays a key role in generating and maintaining the collagen
architecture. Canty et al. (2006) observed the cell cytoskeleton involvement
in the parallelism of the extracellular matrix and Gealy et al. (2009) observed
frequently associations between foci of type I procollagen and actin cytoskeleton.
Their results suggest that cells use the actin filaments as a delivery system to
direct the secretion of collagen fibers at the cell surface. Our assumption also
implies that only collagen fibers, which are being stressed by the cells, will
persist. This may either be the result of fiber reorientation, the higher the stress,
the higher the probability that stress fibers orient in this particular direction,
or an increased resistance against enzymatic degradation of the collagen fibers
with increasing stress (Bhole et al., 2009). Furthermore, Gould et al. (2012)
showed that cell orientation preceded fiber reorganization when applying cyclic
anisotropic strain profiles to cell seeded 3D collagen hidrogels.

7.3 Future perspectives

The results presented here can be employed to further optimize the mecha-
nical conditioning protocols. The results for the native leaflets can be used
as benchmark for TE heart leaflet constructs especially regarding the collagen
architecture. Regarding the model with incorporated cell contractile properties,
it can be used to predict the collagen orientation of other tissues rather than
strips and vessels when considering static loading protocols (e.g. TE heart valve
leaflets). The model can also be used to study geometry adjustment strategies, e.
g. diameter over-sizing, to overcome the changes in shape of the TE constructs
due to compaction.



7.3. Future perspectives 103

The model does not include changes in the matrix properties over time besides
the collagen orientation. Yet, the scaffold degradation over time is known
to be a key factor in the development of tissue compaction and the collagen
alignment. Therefore, the degradation over time of different scaffolds should also
be studied (e.g. the evolution of the Young modulus over time) (Stekelenburg,
2006) and incorporated in the model. This would also help to choose the best
scaffold mechanical properties for maintaining a desired collagen orientation
while controlling tissue compaction and therefore tissue geometry. Furthermore,
more complex scaffolds with anisotropic properties can also be investigated. Pro-
danov et al. (2010) observed that cells primarily adjust their shape according to
substrate surface (micro) features. Therefore, studies for optimizing anisotropic
scaffold properties, e.g. adjusting the fiber alignment, are required to obtain
desired collagen orientations and to control compaction forces. These materials
can be manufactured into complex geometries for instance via electrospinning
(Simonet et al., 2011).

The model should then be updated to include dynamic mechanical conditions.
Yet, new parameters describing cellular behavior would have to be obtained.
These parameters could be used to describe the collagen orientation of TE
constructs developed under this condition. With the new parameters, the model
could also be used to unravel the mechanics responsible for the different collagen
alignment of TE vessels when under static or dynamic conditioning. Rubbens
et al. (2009) showed that strips developed under dynamic loading conditions
have their cells and collagen fibers mainly aligned in the constrained direction.
Only the superficial layer of the contract showed the cells aligned away from
the strain direction. These results are different from 2D cell substrates where
the cells align away from the strain direction (Wang et al., 2001; Kaunas et al.,
2005; Hayakawa et al., 2001). Native vessels and TE vessels developed under
dynamic loading conditions also have a helical fiber distribution in the internal
layer (Canham et al., 1991, 1997; Dahl et al., 2007; Wicker et al., 2008) which
is not visible in the TE vessels under static loading conditions. Therefore, the
model could be used to unravel these differences collagen alignment.

In conclusion, the presented remodeling framework was able to predict the
collagen architecture in TE cardiovascular strips and vessels and gave insight
into the effects of cell compaction forces on tissue remodeling. The models
offer strong possibilities to further optimize mechanical conditioning protocols
in TE strategies and may further guide experimental approaches to elucidate the
complex mechanisms of cellular involvement in the synthesis and organization
of the collagen architecture.
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Biaxial tensile test

A.1 Experimental protocol

The specimens were placed in aluminium foil and kept hydrated. The specimens
were then mounted in a BioTester 5000 test device (CellScale, Canada) using
a BioRakes mounting system with 0.7mm tin space. To produce visual surface
texture the tissue was sprinkled with graphite particles. The samples were then
tested while submersed in phosphate buffered saline (PBS) to mimic natural
conditions.

During testing, the samples were stretched to peak values εCC and εRR, where
subscripts C and R correspond to the circumferential and radial directions,
respectively. The complete biaxial testing regime consisted of 6 groups of 5
protocols. The first group of strain ratios was defined as εCC : εRR = 0 :
60, 11.5 : 55, 23 : 23, 24 : 11.5, 25 : 0(%). The strains were then sequentially
increased during the next 5 sets in steps of 5% or 10% until the last set group
εCC : εRR = 0 : 110, 49 : 105, 78 : 78, 79 : 49, 80 : 0(%) was performed. Due to a
prolonged testing duration (≈ 4 hours), only one sample per patient was tested
for the 6 protocol groups. The remaining ones were tested for the protocols
groups that more closely achieved the valve working tension, estimated to be
approximately 60 N/m for AV leaflets (Billiar et al, 2000; Mayne 1989)(Table
1). For the PV leaflets the maximum tension was reduced to 30 N/m to
better represent the physiological range. The samples were left to recover
for 1 min between protocols. Before each protocol group, the specimens were
preconditioned for 10 contiguous cycles to the maximum εCC and εRR of the
protocol group. The strain rate in the radial and circumferential direction was
defined as l0/min. As the specimen was stretched, images were captured using
a 1280×960 pixel charge-coupled device (CCD) camera at a sampling frequency
of 5 Hz.
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Table A.1: Overview of the experimental studies for each of the patients

Aortic Valve Pulmonary Valve
Age \ Protocol 1 2 3 4 5 6 1 2 3 4 5 6

11 x x x x x x x x x
20 x x x x x x x
38 x x x x x x x
39 x x x x x x x
51 x x x x x

A.2 Data analysis

Assuming incompressibility, the Cauchy stress in the circumferential (σC) and
radial (σR) directions of the tissue sample can be obtained by:

σC =
PCλC

hL0R
, σR =

PRλR

hL0C
(A.1)

where P represents the load, λ is the stretch imposed by the clamps and h and
L0 are the original thickness and length respectively, of the sample before it is
stretched.

Afterwards, the biaxial tensile results that presented stresses closest to 70 kPa
for the AV and 50 kPa for the PV were chosen for analysis.

The software provided with the BioTester (CellScale, Canada) was used to define
a grid of 25 points on the interior portion of the specimen to track point motions.
With the configuration of the grid in both undeformed and deformed situations,
the 2D deformation tensor F was determined for each grid point, using a second-
order method to compute strains from the discrete set of displacements (Geers
et al., 1996). The undeformed situation was defined as the first image of the
protocol.



Appendix B

Sepran ELM200 element

formulation

B.1 User input

The procedure, described above, is implemented in Sepran element 200, which
is called at element level as elm200.f. In the standard version, Sepran offers
several types of material behavior. The material dependent part is specified
through the material stress and the material stiffness. Both the material stress
and the material stiffness are computed in routines elm200.f > elm8100.f >

elm8200.f > el8300.f > el83xx.f, where xx denotes a specific material type,
e.g. el8301.f for compressible Neo Hookean material behavior and el8311.f

for fiber reinforced material. We will address the derivation of the material
stiffness matrix for our material law.

B.1.1 Compressible Neo Hookean material

For a compressible Neo Hookean material it holds:

σ = κ

(
lnJ

J

)
I +

G

J

(
B − J2/3I

)
(B.1)

The stress is written in a estimation and an error according to σ = σ̆ + δσ
and the tangent tensor can be determined by substitution of F = F̆ + δF and
J = J̆ + δJ into Eq. B.1. For sufficient small δF and δJ and when second
order terms are neglected the tangent tensor δσ can be written as:

δσ =

[
κ

J̆2

(
1 − lnJ̆

)
I −

G

J̆2

(
B̆ −

1

3
J̆2/3I

)]
δJ +

G

J̆
δB

(B.2)

107



108 Appendix B. Sepran ELM200 element formulation

Using the definition B̆ = F̆ .F̆
T

and H = (�∇δ�x)T it follows :

δB = δF .F̆
T

+ F̆ .δF T

= H .B̆ + B̆.HT (B.3)

Consequently, with the result from Eq.B.3 it holds that :

δσ =

[
κ

J̆2

(
1 − lnJ̆

)
I −

G

J̆2

(
B̆ −

1

3
J̆2/3I

)]
J̆ tr(H) +

G

J̆

[
H .B̆ + B̆.HT

]
(B.4)

B.1.2 Compressible fiber-reinforced material

For a fiber-reinforced material the stress is split into an isotropic matrix part
and an anisotropic fiber part:

τ = τ̂ + 3

N∑
i=1

wi(φi
fψ

i
f + τ i

c)�e
i
f�e

i
f , (B.5)

with τ̂ the matrix stress, ψf and τc the fiber stress and the SF stress respectively,
which act only in the direction of the fiber �ef . In the undeformed configuration
we denote the fiber direction by the unit vector �ef0

. In the current configuration,
the fiber direction and extension are given by the unit vector �ef . Assuming that
the matrix and the fiber undergo the same deformation (i.e. affine deformation),
the extension ration λf is determined from:

λf�ef = F .�ef0
, (B.6)

with F the deformation gradient tensor. The fiber stretch λf is obtained from

λf = �ef0
.F T F .�ef0

. (B.7)

In order to incorporate the angular distribution of fibers in the plane of the
leaflet, �ef0

is defined in a coordinate system spanned by the vector �v1 and �v2:

�ef0
= cos (γ)�v1 + sin (γ)�v2, (B.8)

where the angle γ is defined with respect to �v1. The isochoric fiber strain rate
˙̄ε in the direction of �ef is given by

˙̄ε = �ef0.
˙̄E.�ef0

= �ef0.F̄
T
.D.F̄ .�ef0, (B.9)

Use δF = H.F̆

Use δJ = J̆tr(H)
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where D is isochoric deformation rate tensor defined by D = 1/2(Ḟ .F−1 +

Ḟ
T
.F−T ). Substitution of τ = ˘̂τ + δτ , τf = τ̂f + δτf , F = F̆ + δF and

�ei
f = �̆e i

f +δ�e i
f into (B.5) and neglection of second order terms, gives the tangent

tensor

δτ = δ˘̂τ + 3

N∑
i=1

wi[φi
f δψ

i
f + δτc

i]�̆e i
f �̆e

i
f

+ 3
N∑

i=1

wi[φi
f ψ̆

i
f + τ̆ i

c
]δ(�e i

f �e
i

f ) (B.10)

For clarity, the indication that all quantities are taken with respect to the
estimated configuration, are omitted in the remaining section. The term δψf in
(B.10) represents the fiber tangent stiffness and can be expressed as:

δψf = 2
δψf

δλ2
λ2Hδx (B.11)

The term δτc describing the cells’ stiffness and can be derived as:

δτc =
τc

˙̄εf
δ ˙̄εf

=
τc

˙̄εf
δ(�ef0.

˙̄E.�ef0) (B.12)

The term δ(�ef�ef ) describing the geometric stiffness can be derived by using
(B.6) which for sufficiently small δλ yields

δ(�e i
f �e

i
f ) ≈ λ−2δ(F .�e i

f0
F .�e i

f0
) − λ−4δ(λ2)F .�e i

f0
F .�e i

f0
. (B.13)

δ(F .�e i
f0

F .�e i
f0

) = δF .�e i
f0

F .�e i
f0

+ F .�e i
f0
δF .�e i

f0

= λ2[Hδx.�e
i

f �e
i

f + HT
δx.(�e

i
f �e

i
f )T ] (B.14)

δλ2 = �e i
f0
.δF T .F .�e i

f0
+ �e i

f0
.F T .δF .�e i

f0

= 2λ2�e i
f .Hδx.�e

i
f (B.15)

The tangent stiffness of a anisotropic composite with incorporation fiber density
is written as:

δτ = δτ̂ + 3

Nf∑
i=1

wi
[
(φ i

f ψ
i

f + τ i
c)(Hδx.�e

i
f �e

i
f + HT

δx.(�e
i

f �e
i

f )T )

+ 2[
δψ i

f

δλ2
λ2 − (ψ i

f + τ i
c)](�e

i
f .Hδx.�e

i
f )�e i

f �e
i

f

+
τc
˙̄εf
δ(�ef0.

˙̄E.�ef0)�e
i

f �e
i

f

]
(B.16)
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The components of δτ and H are stored in a column δτ
˜̃

and H
˜̃

, respectively:

δτ
˜̃

=
[
δτ11 δτ22 δτ33 δτ21 δτ32 δτ13 δτ12 δτ23 δτ31

]
(B.17)

H
˜̃

=
[
H11 H22 H33 H21 H32 H13 H12 H23 H31

]
(B.18)

To compute the components of the tensor we need to write the tangent tensor
δτ in matrix form so the multiplication δτ

˜̃
= D

˜̃
H
˜̃

forms the correct components
of the tangent tensor. Equation (B.16) suggests to write the tangent stiffness
matrix as

D
˜̃

= Dτ
˜̃

+

Nf∑
i=1

wi
[
(φ i

f ψ
i

f + τc)D1
˜̃

+ 2[
δψ i

f

δλ2
λ2 − (ψ i

f + τ i
c)]D2

˜̃
+
τc
˙̄εf
D3
˜̃

]

(B.19)

Evaluation of (H .�e i
f �e

i
f + HT .(�e i

f �e
i

f )T ) gives 9 components which can be rear-
ranged to form D1

˜̃
:

D1
˜̃

=

⎡
⎢⎢⎢⎢⎢⎢⎢⎢⎢⎢⎢⎢⎣

2exex 0 0 2exey 0 0 0 0 2ezex

0 2eyey 0 0 2eyez 0 2exey 0 0
0 0 2ezez 0 0 2ezex 0 2eyez 0

exey exey 0 eyey ezex 0 exex 0 eyez

0 eyez eyez 0 ezez exey ezex eyey 0
ezex 0 ezex eyez 0 exex 0 exey ezez

exey exey 0 eyey ezex 0 exex 0 eyez

0 eyez eyez 0 ezez exey ezex eyey 0
ezex 0 ezex eyez 0 exex 0 exey ezez

⎤
⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎥⎦

The scalar �e i
f .H.�e i

f can be written as eT

˜̃
H
˜̃

, so (�e i
f .H.�e i

f )�e i
f �e

i
f = e

˜̃
eT

˜̃
H
˜̃

, hence:

D2
˜̃

= e
˜̃
eT

˜̃
(B.20)

The term (�ef0.
˙̄E.�ef0)�e

i
f �e

i
f representing the cell SF stress in the fiber direction

is approximated by:

δ(�ef0.
˙̄E.�ef0)�e

i
f �e

i
f ≈ δ ˙̄EeeHee

= δ ˙̄Eeee
T

˜̃
H
˜̃

(B.21)

hence:

D3
˜̃

= (�e i
f0.δ

˙̄E.�e i
f0)e

T

˜̃
H
˜̃

(B.22)

where ˙̄E = J−2/3F T .D.F =. Using:

(B.23)
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δD ≈ (
I

Δt
− L).H (B.24)

δ ˙̄E can be computed as :

δ ˙̄E = δF̄
T
.D.F̄ + F̄

T
.δD.F̄ + F̄

T
.D.δF̄

= J−2/3
(
F T .H .D.F + F T .δD.F + F T .D.H.F

)
−

2

3
tr(H) ˙̄E

(B.25)

(J + δJ)−1/3 =
[
J(1 + J−1δJ)

]−1/3
= J−1/3(1 + J−1δJ)−1/3 ≈ J−1/3(1 − 1

3
J−1δJ) =

J−1/3 − 1

3
J−4/3δJ .



112 Appendix B. Sepran ELM200 element formulation



Bibliography

Alberts B, Johnson A, Lewis J, Raff M, Roberts K, Walter P. 2002. Molecular biology of the
cell. 4 ed. Garland Science.

Alford PW, Humphrey JD, Taber LA. 2008. Growth and remodeling in a thick-walled artery
model: effects of spatial variations in wall constituents. Biomechanics and Modeling in
Mechanobiology 7(4):245–262.

Ambrosi D, Guana F. 2007. Stress-modulated growth. Mathematics and Mechanics of Solids
12(3):319–342.

Ambrosi D, Guillou A. 2007. Growth and dissipation in biological tissues. Continuum
Mechanics and Thermodynamics 19(5):245–251.

Anidjar S, Salzmann JL, Gentric D, Lagneau P, Camilleri JP, Michel JB. 1990. Elastase-
induced experimental aneurysms in rats.. Circulation 82(3):973–81.

Antiga L, Ene-Iordache B, Caverni L, Cornalba GP, Remuzzi A. 2002. Geometric reconstruc-
tion for computational mesh generation of arterial bifurcations from CT angiography.
Computerized Medical Imaging and Graphics 26(4):227 – 235.

Azadani AN, Chitsaz S, Matthews PB, Jaussaud N, Leung J, Tsinman T, Ge L, Tseng
EE. 2012. Comparison of Mechanical Properties of Human Ascending Aorta and Aortic
Sinuses. The Annals of Thoracic Surgery 93(1):87 – 94.

Azadani AN, Chitsaz S, Matthews PB, Jaussaud N, Leung J, Wisneski A, Ge L, Tseng EE.
2012. Biomechanical comparison of human pulmonary and aortic roots. European journal
of cardio-thoracic surgery : official journal of the European Association for Cardio-
thoracic Surgery 41(5):1111–6.

Baaijens F, Bouten C, Driessen N. 2010. Modeling collagen remodeling. Journal of Biome-
chanics 43(1):166–175.

Balachandran K, Konduri S, Sucosky P, Jo H, Yoganathan A. 2006. An Ex Vivo Study of
the Biological Properties of Porcine Aortic Valves in Response to Circumferential Cyclic
Stretch. Annals of Biomedical Engineering 34:1655–1665.

Balguid A, Driessen NJ, Mol A, Schmitz JPJ, Verheyen F, Bouten CVC, Baaijens FPT. 2008.
Stress related collagen ultrastructure in human aortic valves - implications for tissue
engineering. Journal of Biomechanics 41(12):2612–2617.

Balguid A, Rubbens MP, Mol A, Bank RA, Bogers AJJC, vanKats JP, deMol BAJM,
Baaijens FPT, Bouten CVC. 2007. The role of collagen cross-links in biomechanical
behavior of human aortic heart valve leaflets–relevance for tissue engineering.. Tissue
Eng 13(7):1501–11.

113



114 Bibliography

Barocas VH, Tranquillo RT. 1997. An anisotropic biphasic theory of tissue-equivalent
mechanics: The interplay among cell traction, fibrillar network deformation, fibril
alignment, and cell contact guidance. Journal of Biomechanical Engineering-Transactions
of the Asme 119(2):137–145.

Bashey RI, Torii S, Angrist A. 1967. Age-related collagen and elastin content of human heart
valves. Journal of gerontology 22:203 – 208.

Bathe KJ. 1996. Finite element procedures. Englewood Cliffs, NJ: Prentice Hall.

Beningo KA, Dembo M, Kaverina I, Small JV, Wang Yl. 2001. Nascent Focal Adhesions Are
Responsible for the Generation of Strong Propulsive Forces in Migrating Fibroblasts.
The Journal of Cell Biology 153(4):881–888.

Bhole AP, Flynn BP, Liles M, Saeidi N, Dimarzio CA, Ruberti JW. 2009. Mechanical
strain enhances survivability of collagen micronetworks in the presence of collagenase:
implications for load-bearing matrix growth and stability. Physical and Engineering
Sciences 367(1902):3339–3362.

Billiar KL, Sacks MS. 1997. A method to quantify the fiber kinematics of planar tissues under
biaxial stretch.. Journal of Biomechanics 30(7):753–756.

———. 2000. Biaxial Mechanical Properties of the Native and Glutaraldehyde-Treated Aortic
Valve Cusp: Part II—A Structural Constitutive Model. Journal of Biomechanical
Engineering 122(4):327–335.

Bishop JE, Lindahl G. 1999. Regulation of cardiovascular collagen synthesis by mechanical
load. Cardiovascular Research 42(1):27–44.

Boerboom R, Driessen N, Bouten C, Huyghe J, Baaijens F. 2003. Finite element model of
mechanically induced collagen fiber synthesis and degradation in the aortic valve. Annals
of Biomedical Engineering 31(9):1040–1053.

Britland S, Morgan H, Wojiak-Stodart B, Riehle M, Curtis A, Wilkinson C. 1996. Synergistic
and Hierarchical Adhesive and Topographic Guidance of BHK Cells. Experimental Cell
Research 228(2):313 – 325.

Butler D, Goldstein S, Guilak F. 2000. Functional tissue engineering: The role of biomechanics.
J. Biomech. Eng.-Trans. ASME 122(6):570–575.

Campbell BH, Clark WW, Wang JH. 2003. A multi-station culture force monitor system to
study cellular contractility. J Biomech 36(1):137–140.

Canham P, Finlay H, Boughner D. 1997. Contrasting structure of the saphenous vein and
internal mammary artery used as coronary bypass vessels. Cardiovasc. Res. 34(3):557–
567.

Canham P, Talman E, Finlay H, Dixon J. 1991. Medial collagen organization in human arteries
of the heart and brain by polarized-light microscopy. Connect. Tissue Res. 26(1-2):121–
134.

Canty E, Lu Y, Meadows R, Shaw M, Holmes D, Kadler K. 2004. Coalignment of plasma
membrane channels and protrusions (fibripositors) specifies the parallelism of tendon. J.
Cell Biol. 165(4):553–563.

Canty EG, Starborg T, Lu Y, Humphries SM, Holmes DF, Meadows RS, Huffman A, O’Toole
ET, Kadler KE. 2006. Actin filaments are required for fibripositor-mediated collagen
fibril alignment in tendon. J. Biol. Chem. 281(50):38592–38598.

Carver W, Nagpal ML, Nachtigal M, Borg TK, Terracio L. 1991. Collagen Expression in
Mechanically Stimulated Cardiac Fibroblasts. Circulation Research 69(1):116–122.



Bibliography 115

Chambers JC, Somerville J, Stone S, Ross DN. 1997. Pulmonary Autograft Procedure for
Aortic Valve Disease : Long-term Results of the Pioneer Series. Circulation 96(7):2206–
2214.

Chandran PL, Barocas VH. 2006. Affine Versus Non-Affine Fibril Kinematics in Collagen Net-
works: Theoretical Studies of Network Behavior. Journal of Biomechanical Engineering
128(2):259–270.

Chen CS. 2008. Mechanotransduction - a field pulling together?. J Cell Sci 121(20):3285–3292.

Christie GW, Barratt-Boyes BG. 1995. Mechanical properties of porcine pulmonary valve
leaflets: How do they differ from aortic leaflets?. The Annals of Thoracic Surgery 60,
Supplement 2(0):S195 – S199.

Chuong CJ, Fung YC. 1983. 3-Dimensional Stress-Distribution in Arteries. Journal of
Biomechanical Engineering-Transactions of the Asme 105(3):268–274.

Cohn LH. 2007. Cardiac Surgery in the Adult. thirth editon ed. McGraw-Hill Professional.

Collinsworth AM, Torgan CE, Nagda SN, Rajalingam RJ, Kraus WE, Truskey GA. 2000.
Orientation and length of mammalian skeletal myocytes in response to a unidirectional
stretch. Cell and Tissue Research 302:243–251.

Cowin SC. 1996. Strain or deformation rate dependent finite growth in soft tissues. Journal
of Biomechanics 29(5):647–649.

Dahl SLM, Vaughn ME, Niklason LE. 2007. An ultrastructural analysis of collagen in tissue
engineered arteries. Annals of Biomedical Engineering 35(10):1749–1755.

Dahl SLM, Rucker RB, Niklason LE. 2005. Effects of copper and cross-linking on the
extracellular matrix of tissue-engineered arteries.. Cell Transplantation 14(10):861–868.

Daniels F, Haar Romeny BM, Rubbens M, Assen H. 2007. (Vol. 15, In: Ibrahim F, Osman
NAA, Usman J, Kadri NA Magjarevic R, editors. 3rd Kuala Lumpur International
Conference on Biomedical Engineering 2006. Springer Berlin Heidelberg. pp. 282–286.

Dartsch P, Hammerle H, Betz E. 1986. Orientation of cultured arterial smooth-muscle cells
growing on cyclically stretched substracts. Acta anatomica 125(2):108–113.

Dasi LP, Simon HA, Sucosky P, Yoganathan AP. 2009. Fluid mechanics of artifical heart
valves. Clinical and experimental pharmacology and physiology 36(2):225–237.

David H, Boughner DH, Vesely I, Gerosa G. 1994. The pulmonary valve. Is it mechanically
suitable for use as an aortic valve replacement?. Asaio J 40(2):206–12.

Deshpande VS, McMeeking RM, Evans AG. 2006. A bio-chemo-mechanical model for cell
contractility. Proc Natl Acad Sci U S A 103(38):14015–20.

———. 2007. A model for the contractility of the cytoskeleton including the effects of stress-
fibre formation and dissociation. Proc. R. Soc. A - Math. Phys. Eng. Sci. 463(2079):787–
815.

Driessen NJB, Bouten CVC, Baaijens FPT. 2005. A structural constitutive model for
collagenous cardiovascular tissues incorporating the angular fiber distribution. Journal
of Biomechanical Engineering-Transactions of the Asme 127(3):494–503.

Driessen NJB, Cox MAJ, Bouten CVC, Baaijens FPT. 2008. Remodelling of the angular
collagen fiber distribution in cardiovascular tissues. Biomechanics and Modeling in
Mechanobiology 7(2):93–103.



116 Bibliography

Driessen N, Boerboom R, Huyghe J, Bouten C, Baaijens F. 2003. Computational analyses
of mechanically induced collagen fiber remodeling in the aortic heart valve. Journal of
biomechanical engineering (125):549–557.

D’souza SJ, Chan BM, Pickering JG. 2003. Vascular Smooth Muscle Cells Orchestrate the
Assembly of Type I Collagen via 21 Integrin, RhoA, and Fibronectin Polymerization.
Am J Pathol 163:1045–1056.

Eastwood M, Mudera V, Mcgrouther D, Brown R. 1998. Effect of precise mechanical loading on
fibroblast populated collagen lattices: Morphological changes. Cell. Motil. Cytoskeleton
40(1):13–21.

Elkins RC, Knott-Craig CJ, Ward KE, McCue C, Lane MM. 1994. Pulmonary autograft in
children: Realized growth potential. The Annals of Thoracic Surgery 57(6):1387 – 1394.

Elkins RC, Thompson DM, Lane MM, Elkins CC, Peyton MD. 2008. Ross operation: 16-year
experience.. J Thorac Cardiovasc Surg 136(3):623–30, 630.e1–5.

Engelmayr Jr. GCJ, Rabkin E, Sutherland FW, Schoen FJ, Mayer Jr. JE, Sacks MS. 2005.
The independent role of cyclic flexure in the early in vitro development of an engineered
heart valve tissue. Biomaterials 26(2):175 – 187.

Favaloro RR, Roura P, Gomez C, Salvatori C. 2008. Aortic valve replacement: ten-year follow
up of the Ross procedure.. J Heart Valve Dis 17(5):501–7.

Fernandez P, Bausch AR. 2009. The compaction of gels by cells: a case of collective mechanical
activity. Integr. Biol. 1:252–259.

Finlay H, Mccullough L, Canham P. 1995. 3-Dimensional collagen organization of human
brain arteries at different transmural pressures. J. Vasc. Res. 32(5):301–312.

Friedrichs J, Taubenberger A, Franz CM, Muller DJ. 2007. Cellular Remodelling of Individual
Collagen Fibrils Visualized by Time-lapse AFM. Journal of Molecular Biology 372(3):594
– 607.

Frisch S, Vuori K, Ruoslahti E, Chan-Hui PY. 1996. Control of adhesion-dependent cell
survival by focal adhesion kinase. Journal of Cell Biology 134(3):793–799.

Fung YC, Fronek K, Patitucci P. 1979. Pseudoelasticity of arteries and the choice of its
mathematical expression. Am. J. Physiol 237(5):H620–H631.

Gasser TC, Ogden RW, Holzapfel GA. 2006. Hyperelastic modelling of arterial layers with
distributed collagen fibre orientations. J. R. Soc. Interface 3(6):15–35.

Gealy C, Hayes AJ, Buckwell R, Young RD, Caterson B, Quantock AJ, Ralphs JR. 2009.
Actin and Type I Collagen Propeptide Distribution in the Developing Chick Cornea.
Invest. Ophthalmol. Vis. Sci. 50(4):1653–1658.

Geers MGD, deBordt R, Brekelmans WAM. 1996. Computing strain ?elds from discrete
displacement fields in 2D solids. Int Journal Solid Structures 33(29):4293–4307.

Gerson C, Goldstein S, AE H. 2009. Retained structural integrity of collagen and elastin
within cryopreserved human heart valve tissue as detected by two-photon laser scanning
confocal microscopy. Cryobiology 59(2):171–9.

Goffin J, Pittet P, Csucs G, Lussi J, Meister J, Hinz B. 2006. Focal adhesion size controls
tension-dependent recruitment of alpha-smooth muscle actin to stress fibers. J. Cell Biol.
172(2):259–268.



Bibliography 117

Gould R, Chin K, Santisakultarm T, Dropkin A, Richards J, Schaffer C, Butcher J.
2012. Cyclic strain anisotropy regulates valvular interstitial cell phenotype and tissue
remodeling in three-dimensional culture.. Acta Biomater 8(5):1710–9.

Graham HK, Holmes DF, Watson RB, Kadler KE. 2000. Identification of collagen fibril fusion
during vertebrate tendon morphogenesis. The process relies on unipolar fibrils and is
regulated by collagen-proteoglycan interaction. Journal of Molecular Biology 295(4):891
– 902.

Grinnell F, Ho CH, Tamariz E, Lee DJ, Skuta G. 2003. Dendritic Fibroblasts in Three-
dimensional Collagen Matrices. Molecular Biology of the Cell 14(2):384–395.

Guidry C, Grinnell F. 1985. Studies on the mechanism of hydrated collagen gel reorganization
by human skin fibroblasts.. J Cell Sci 79:67–81.

Guyton AC, Hall JE. 2000. Textbook of medical physiology. 10 ed. Elsevier Saunders.

Harris AK, Stopak D, Wild P. 1981. Fibroblast traction as a mechanism for collagen
morphogenesis. Nature 290(5803):249–251.

Hayakawa K, Sato N, Obinata T. 2001. Dynamic Reorientation of Cultured Cells and Stress
Fibers under Mechanical Stress from Periodic Stretching. Experimental Cell Research
268(1):104 – 114.

Hinz B, Celetta G, Tomasek J, Gabbiani G, Chaponnier C. 2001. Alpha-smooth muscle actin
expression upregulates fibroblast contractile activity. Mol. Biol. Cell 12(9):2730–2741.

hlmannNoor AH, Martin-Martin B, Eastwood M, Khaw PT, Bailly M. 2007. Dynamic
protrusive cell behaviour generates force and drives early matrix contraction by
fibroblasts. Experimental Cell Research 313(20):4158–4169.

Hokken RB, Bartelings MM, Bogers AJ, deGroot ACG. 1997. Morphology of the pulmonary
and aortic roots with regard to the pulmonary autograft procedure. The Journal of
Thoracic and Cardiovascular Surgery 113(3):453 – 461.

Holmes DF, Lowe MP, Chapman JA. 1994. Vertebrate (chick) collagen fibrils formed in Vivo
can exhibit a reversal in molecular polarity. Journal of Molecular Biology 235(1):80 – 83.

Holzapfel GA, Gasser TC, Ogden RW. 2000. A new constitutive framework for arterial wall
mechanics and a comparative study of material models. Journal of Elasticity 61(1-3):1–
48.

Houtchens GR, Foster MD, Desai TA, Morgan EF, Wong JY. 2008. Combined effects of
microtopography and cyclic strain on vascular smooth muscle cell orientation. Journal
of Biomechanics 41(4):762–769.

Humphrey J. 1999. Remodeling of a collagenous tissue at fixed lengths. Journal Biomechanical
Engineering 121(6):591–597.

Isenberg B, Tranquillo R. 2003. Long-term cyclic distention enhances the mechanical
properties of collagen-based media-equivalents. Annals of Biomedical Engineering
31(8):937–949.

John J, Throm Quinlan A, Silvestri C, Billiar K. 2010. Boundary Stiffness Regulates Fibroblast
Behavior in Collagen Gels. Annals of Biomedical Engineering 38:658–673.

Joyce EM, Liao J, Schoen FJ, Jr JEM, Sacks MS. 2009. Functional Collagen Fiber Architecture
of the Pulmonary Heart Valve Cusp. The Annals of Thoracic Surgery 87(4):1240 – 1249.



118 Bibliography

Kadler KE, Holmes DF, Graham H, Starborg T. 2000. Tip-mediated fusion involving unipolar
collagen fibrils accounts for rapid fibril elongation, the occurrence of fibrillar branched
networks in skin and the paucity of collagen fibril ends in vertebrates.. Matrix biology
journal of the International Society for Matrix Biology 19(4):359–365.

Kaunas R, Nguyen P, Usami S, Chien S. 2005. Cooperative effects of Rho and mechanical
stretch on stress fiber organization. Proceedings of the National Academy of Sciences of
the United States of America 102(44):15895–15900.

Kim A, Lakshman N, Petroll W. 2006. Quantitative assessment of local collagen matrix
remodeling in 3-D Culture: The role of Rho kinase. Experimental Cell Research
312(18):3683–3692.

Kolega J. 1986. Effects of mechanical tension on protrusive activity and microfilament and
intermediate filament organization in an epidermal epithelium moving in culture.. The
Journal of Cell Biology 102(4):1400–1411.

Kolpakov V, Rekhter MD, Gordon D, Wang WH, Kulik TJ. 1995. Effect of Mechanical Forces
on Growth and Matrix Protein Synthesis in the In Vitro Pulmonary Artery : Analysis
of the Role of Individual Cell Types. Circulation Research 77(4):823–831.

Konduri S, Xing Y, Warnock JN, He Z, Yoganathan AP. 2005. Normal Physiological
Conditions Maintain the Biological Characteristics of Porcine Aortic Heart Valves: An
Ex Vivo Organ Culture Study. Annals of Biomedical Engineering 33:1158–1166.

Kouchoukos NT. 2011. Should we still do the Ross operation in adults?. Curr Opin Cardiol .

Lam MT, Clem WC, Takayama S. 2008. Reversible on-demand cell alignment using
reconfigurable microtopography. Biomaterials 29(11):1705–1712.

Langer R, Vacanti J. 1993. Tissue Engineering. Science 260(5110):920–926.

Lanir Y. 1983. Constitutive-Equations for Fibrous Connective Tissues. Journal of Biomechan-
ics 16(1):1–12.

———. 1983. Constitutive-equations for fibrous connective tissues. J. Biomech. 16(1):1–12.

Lebedev V. 1994. The 59Th Order Of Algebraic Accuracy Quadrature Formula For Sphere.
Dokl. Akad. Nauk 338(4):454–456.

Lebedev V, Laikov D. 1999. Quadrature formula for the sphere of 131-th algebraic order of
accuracy. Dokl. Akad. Nauk 366(6):741–745.

Lebedev V, Skorokhodov A. 1992. Quadrature-Rules For A Sphere Of 41-Order, 47-Order
And 53-Order Of Accuracy. Dokl. Akad. Nauk 324(3):519–524.

Lee JM, Courtman DW, Boughner DR. 1984. The glutaraldehyde-stabilized porcine aortic
valve xenograft. I. Tensile viscoelastic properties of the fresh leaflet material.. J Biomed
Mater Res 18(1):61–77.

Legant WR, Pathak A, Yang MT, Deshpande VS, Mcmeeking RM, Chen CS. 2009.
Microfabricated tissue gauges to measure and manipulate forces from 3D microtissues.
Proceedings of the National Academy of Sciences 106(25):10097–10102.

Li J, Luo X, Kuang Z. 2001. A nonlinear anisotropic model for porcine aortic heart valves.
Journal of Biomechanics 34(10):1279–1289.

Lim C, Zhou E, Quek S. 2006. Mechanical models for living cells - A review. J. Biomech.
39(2):195–216.



Bibliography 119

Lin IE, Taber LA. 1995. A Model for Stress-Induced Growth in the Developing Heart. Journal
of Biomechanical Engineering-Transactions of the Asme 117(3):343–349.

Liu B, Qu MJ, Qin KR, Li H, Li ZK, Shen BR, Jiang ZL. 2008. Role of cyclic strain frequency
in regulating the alignment of vascular smooth muscle cells in vitro.. Biophysical Journal
94(4):1497–1507.

Lo D, Vesely I. 1995. Biaxial strain analysis of the porcine aortic valve. The Annals of Thoracic
Surgery 60, Supplement 2(0):S374 – S378.

Lodish H, Berk A, Zipursky SL ea. 2000. Molecular Cell Biology. 4th edition ed. New York:
W. H. Freeman.

Loesberg WA, Walboomers XF, vanLoon JJWA, Jansen JA. 2005. The effect of combined
cyclic mechanical stretching and microgrooved surface topography on the behavior of
fibroblasts. Journal of Biomedical Materials Research Part A 75A(3):723–732.

Long Q, Xu XY, Collins MW, Bourne M, Griffith TM. 1998. Magnetic resonance image
processing and structured grid generation of a human abdominal bifurcation.. Comput
Methods Programs Biomed 56(3):249–59.

Lyle AN, Deshpande NN, Taniyama Y, Seidel-Rogol B, Pounkova L, Du P, Papaharalambus
C, Lassgue B, Griendling KK. 2009. Poldip2, a Novel Regulator of Nox4 and Cytoskeletal
Integrity in Vascular Smooth Muscle Cells. Circulation Research 105(3):249–259.

MacKenna D, Summerour SR, Villarreal FJ. 2000. Role of mechanical factors in modulating
cardiac fibroblast function and extracellular matrix synthesis. Cardiovascular Research
46(2):257–263.

Maniotis A, Chen C, Ingber D. 1997. Demonstration of mechanical connections between
integrins cytoskeletal filaments, and nucleoplasm that stabilize nuclear structure. Proc.
Natl. Acad. Sci. U. S. A. 94(3):849–854.

Matthews PB, Azadani AN, Jhun CS, Ge L, Guy TS, Guccione JM, Tseng EE. 2010.
Comparison of Porcine Pulmonary and Aortic Root Material Properties. The Annals
of Thoracic Surgery 89(6):1981 – 1988.

Mayne A, Christie G, Smaill B, Hunter P, BG. BB. 1989. An assessment of the mechanical
properties of leaflets from four second-generation porcine bioprostheses with biaxial
testing techniques. J Thorac Cardiovasc Surg 98:170–180.

Mol AD, Smits A, Bouten C, Baaijens F. 2009. Tissue engineering of heart valves: advances
and current challenges. Expert Reviews Medical Devices 6(3):259–275.

Mol A, Driessen N, Rutten M, Hoerstrup S, Bouten C, Baaijens F. 2005. Tissue Engineering
of Human Heart Valve Leaflets: A Novel Bioreactor for a Strain-Based Conditioning
Approach. Annals of Biomedical Engineering 33:1778–1788.

Mookhoek A, deHeer E, Bogers AJJC, Takkenberg JJM, Schoof PH. 2010. Pulmonary auto-
graft valve explants show typical degeneration. Journal of Thoracic and Cardiovascular
Surgery 139(6):1416–1419.

Moon AG, Tranquillo RT. 1993. The fibroblast-populated collagen microsphere assay of cell
traction force - Part 1. Continuum model. American Institute of Chemical Engineers
Journal 39:163–177.

Neidert MR, Tranquillo RT. 2006. Tissue-engineered valves with commissural alignment.
Tissue Engineering 12(4):891–903.



120 Bibliography

Neidlinger-Wilke C, Grood ES, Wang JHC, Brand RA, Claes L. 2001. Cell alignment is induced
by cyclic changes in cell length: studies of cells grown in cyclically stretched substrates.
Journal of Orthopaedic Research 19(2):286–293.

Niklason LE, Gao J, Abbott WM, Hirschi KK, Houser S, Marini R, Langer R. 1999. Functional
arteries grown in vitro. Science 284(5413):489–493.

Ofek G, Wiltz DC, Athanasiou KA. 2009. Contribution of the Cytoskeleton to the Compressive
Properties and Recovery Behavior of Single Cells. Biophys. J. 97(7):1873–1882.

Patel A, Fine B, Sandig M, Mequanint K. 2006. Elastin biosynthesis: The missing link in
tissue-engineered blood vessels.. Cardiovasc Res 71(1):40–9.

Pedersen J, Swartz M. 2005. Mechanobiology in the Third Dimension. Annals of Biomedical
Engineering 33:1469–1490.

Petroll WM, Cavanagh HD, Jester JV. 1998. Assessment of stress fiber orientation during
healing of radial keratotomy wounds using confocal microscopy.. Scanning 20(2):74–82.

Phillips JR. 2003. Long-term outcomes of the Ross operation in children and adults. Progress
in Pediatric Cardiology 16(2):149 – 154.

Prodanov L, Te Riet J, Lamers E, Domanski M, Luttge R, Van Loon JJWA, Jansen JA, Wal-
boomers XF. 2010. The interaction between nanoscale surface features and mechanical
loading and its effect on osteoblast-like cells behavior.. Biomaterials 31(30):7758–7765.

Rabkin-Aikawa E, Aikawa M, Farber M, Kratz JR, Garcia-Cardena G, Kouchoukos NT,
Mitchell MB, Jonas RA, Schoen FJ. 2004. Clinical pulmonary autograft valves:
Pathologic evidence of adaptive remodeling in the aortic site. The Journal of Thoracic
and Cardiovascular Surgery 128(4):552 – 561.

Rodriguez EK, Hoger A, Mcculloch AD. 1994. Stress-Dependent Finite Growth in Soft Elastic
Tissues. Journal of Biomechanics 27(4):455–467.

Roeder BA, Kokini K, Voytik-Harbin SL. 2009. Fibril microstructure affects strain transmis-
sion within collagen extracellular matrices.. J Biomech Eng 131(3):031004.

Ross DN. 1967. Replacement of aortic and mitral valve with a pulmonay autograft. The Lancet
290(7523):956 – 958.

Ross J, Tranquillo R. 2003. ECM gene expression correlates with in vitro tissue growth and
development in fibrin gel remodeled by neonatal smooth muscle cells. Matrix Biology
22(6):477 – 490.

Rubbens MP, Mol A, vanMarion MH, Hanemaaijer R, Bank RA, Baaijens FPT, Bouten CVC.
2009. Straining Mode-Dependent Collagen Remodeling in Engineered Cardiovascular
Tissue. Tissue Engineering Part A 15(4):841–849.

Rubbens MP, Mol A, Boerboom RA, Bank RA, Baaijens FP, Bouten CV. 2009. Intermittent
Straining Accelerates the Development of Tissue Properties in Engineered Heart Valve
Tissue. Tissue Engineering Part A 15(5):999–1008.

Sacks M. 2003. Incorporation of experimentally-derived fiber orientation into a structural
constitutive model for planar-collagenous tissues. J. Biomech. Eng.-Trans. ASME
125(2):280–287.

Santini F, Dyke C, Edwards S, Stavri G, Feccia M, Khan H, Birks E, Yacoub MH. 1997.
Pulmonary autograft versus homograft replacement of the aortic valve: A prospective
randomized trial. The Journal of Thoracic and Cardiovascular Surgery 113(5):894 – 900.



Bibliography 121

Sauren AAHJ. 1981. The mechanical behavior of the aortic valveEindhoven University of
Technology, The Netherlands.

Sawhney RK, Howard J. 2002. Slow local movements of collagen fibers by fibroblasts drive the
rapid global self-organization of collagen gels. Journal of Cell Biology 157(6):1083–1091.

Schoen FJ. 2011. Heart valve tissue engineering: Quo vadis?. Current Opinion in Biotechnol-
ogy 22:1–9.

Schoof PH, Takkenberg JJ, vanSuylen RJ, Zondervan PE, Hazekamp MG, Dion RA, Bogers
AJ. 2006. Degeneration of the pulmonary autograft: An explant study. The Journal of
Thoracic and Cardiovascular Surgery 132(6):1426 – 1432.

Segal A. 1984. SEPRAN user manual, standard problems and programmers guide. the
Netherlands: Leidschendam: Ingenieursbureau SEPRA.

Seliktar D, Black R, , R.P.and NeremVito R. 2000. Dynamic mechanical conditioning of
collagen-gel blood vessel constructs induces remodeling in vitro. Annals of Biomedical
Engineering 28(4):351–362.

Shi Y, Vesely I. 2003. Fabrication of mitral valve chordae by directed collagen gel shrinkage..
Tissue Eng 9(6):1233–42.

———. 2003. Fabrication of mitral valve chordae by directed collagen gel shrinkage.. Tissue
Eng 9(6):1233–42.

Simonet M, Langelaan M, Oomens C, Driessen Mol A, Baaijens F. 2011. Dublin, Ireland: 24th
European Conference on Biomaterials; Electrospinning Scaffolds With Adjustable Void
Space .

Soares ALF, Stekelenburg M, Baaijens FPT. 2011. Remodelling of the collagen fiber
architecture due to compaction in small vessels under tissue engineered conditions. J.
Biomech. Eng. 7(133).

Stekelenburg M. 2006. Strain-based optimization of human tissueengineered small diameter
blood vesselsTechnische Universiteit Eindhoven.

Stekelenburg M, Rutten MCM, Snoeckx LHEH, Baaijens FPT. 2009. Dynamic Straining
Combined with Fibrin Gel Cell Seeding Improves Strength of Tissue-Engineered
Small-Diameter Vascular Grafts. Tissue Engineering Part A 15(5):1081–1089.

Stopak D, Harris AK. 1982. Connective tissue morphogenesis by fibroblast traction: I. Tissue
culture observations. Developmental Biology 90(2):383 – 398.

Stradins P, Lacis R, Ozolanta I, Purina B, Ose V, Feldmane L, Kasyanov V. 2004. Comparison
of biomechanical and structural properties between human aortic and pulmonary valve.
European Journal of Cardio-Thoracic Surgery 26(3):634–639.

Stylianopoulos T, Barocas VH. 2007. Multiscale, Structure-Based Modeling for the Elastic
Mechanical Behavior of Arterial Walls. J. Biomech. Eng. 129(4):611–618.

Taber LA. 1998. A model for aortic growth based on fluid shear and fiber stresses. Journal of
Biomechanical Engineering-Transactions of the Asme 120(3):348–354.

Taber LA, Eggers DW. 1996. Theoretical study of stress-modulated growth in the aorta.
Journal of Theoretical Biology 180(4):343–357.

Takkenberg J, Klieverik L, Schoof P, Suylen RJv, Herwerden Lv, Zondervan P, Roos-Hesselink
J, Eijkemans M, Yacoub M, Bogers A. 2009. The Ross procedure: A systematic review
and meta-analysis. Circulation (Baltimore) 119(2):222–228.



122 Bibliography

Tan JL, Tien J, Pirone DM, Gray DS, Bhadriraju K, Chen CS. 2003. Cells lying on a bed
of microneedles: An approach to isolate mechanical force. Proc. Natl. Acad. Sci. USA
100(4):1484–1489.

Thomopoulos S, Fomovsky G, Holmes J. 2005. The development of structural and mechanical
anisotropy in fibroblast populated collagen gels. Journal of Biomechanical Engineering-
Transactions of the ASME 127(5):742–750.

Vader D, Kabla A, Weitz D, Mahadevan L. 2009. Strain-Induced Alignment in Collagen Gels.
Plos One 4(6).

vanOijen CHGA. 2003. Mechanics and design of fiber-reinforced vascular prothesesEindhoven
University of Technology, The Netherlands.

vanVlimmeren M, Driessen-Mol A, Oomens C, Baaijens F. 2012. Passive and active contribu-
tions to generated force and retraction in heart valve tissue engineering. Biomechanics
and Modeling in Mechanobiology pp. 1–13.

vanVlimmeren MA, Driessen-Mol A, Oomens CW, Baaijens FP. 2011. An In Vitro Model
System to Quantify Stress Generation, Compaction, and Retraction in Engineered Heart
Valve Tissue. Tissue Engineering Part C: Methods p. ahead of print.

Vesely I. 1998. The role of elastin in aortic valve mechanics. Journal of Biomechanics 31(2):115–
123.

Vesely I, Casarotto D, Gerosa G. 2000. Mechanics of cryopreserved aortic and pulmonary
homografts. Journal of Heart Valve Disease 9(1):27–37.

Vesely I. 1997. The role of elastin in aortic valve mechanics. Journal of Biomechanics 31(2):115
– 123.

Villarreal FJ, Dillmann WH. 1992. Cardiac hypertrophy-induced changes in mRNA levels for
TGF-beta 1, fibronectin, and collagen.. Am J Physiol 262(6 Pt 2):H1861–6.

Virues Delgadillo J, Delorme S, El-Ayoubi R, DiRaddo R, Hatzikiriakos S. 2010. Effect of
freezing on the passive mechanical properties of arterial samples. J Biomedical Science
and Engineering 3:645–52.

Wang JHC, Goldschmidt-Clermont P, Wille J, Yin FCP. 2001. Specificity of endothelial cell
reorientation in response to cyclic mechanical stretching. J Biomech 34(12):1563 – 1572.

Wei Z, Deshpande VS, McMeeking RM, Evans AG. 2008. Analysis and Interpretation of Stress
Fiber Organization in Cells Subject to Cyclic Stretch. J Biomech. Eng. 130(3):031009.

Weston M, Yoganathan A. 2001. Biosynthetic Activity in Heart Valve Leaflets in Response to
In Vitro Flow Environments. Annals of Biomedical Engineering 29:752–763.

Wicker BK, Hutchens HP, Wu Q, Yeh AT, Humphrey JD. 2008. Normal basilar artery
structure and biaxial mechanical behaviour. Comput. Methods Biomech. Biomed. Eng.
11(5):539–551.

Xing Y, Warnock JN, He Z, Hilbert SL, Yoganathan AP. 2004. Cyclic Pressure Affects the
Biological Properties of Porcine Aortic Valve Leaflets in a Magnitude and Frequency
Dependent Manner. Annals of Biomedical Engineering 32:1461–1470.

Yang Z, Lin JS, Chen J, Wang JHC. 2006. Determining substrate displacement and cell
traction fields - a new approach. J. Theor. Biol. 242(3):607–616.

Yeung T, Georges P, Flanagan L, Marg B, Ortiz M, Funaki M, Zahir N, Ming W, Weaver V,
Janmey P. 2005. Effects of substrate stiffness on cell morphology, cytoskeletal structure,
and adhesion. Cell Motil Cytoskeleton 60(1):24–34.



Summary

Modeling collagen remodeling
in tissue engineered cardiovascular tissues

Commonly, heart valve replacements consist of non-living materials lacking the
ability to grow, repair and remodel. Tissue engineering offers a promising alter-
native to these replacement strategies since it can overcome their disadvantages.
This technique aims to create an autologous living tissue with the potential to
grow and adapt in response to changing functional demands. The concept is
based on seeding autologous cells on a biodegradable material and delivering the
mechanical and biochemical stimuli in a bioreactor system to stimulate tissue
development. In tissue engineering of cardiovascular tissues, it is crucial to
obtain a tissue equipped with appropriate mechanical properties to withstand
the hemodynamic loads. The mechanical properties are defined by a well
organized network of collagen fibers. Therefore, mechanical conditioning should
be optimized to create tissue engineered cardiovascular tissues with a properly
organized collagen fiber network. Collagen orientation in engineered tissues is
related to mechanical stimuli yet, the mechanism itself is not fully understood.
It is known that in cardiovascular tissues, collagen is predominately produced by
fibroblasts and fibroblast-like cells (myofibroblasts). Collagen fibrils align with
cells in many native tissues. Several studies suggest a guiding role of the cell
cytoskeleton in directing collagen synthesis. Furthermore, the co-alignment of
collagen fibers and cells may also be the result of the contractile forces generated
by the cells’ α-actin fibers. Cells also react to the resistance they sense by reorga-
nizing their cytoskeleton. For example, they orient differently when submitted to
static or dynamic conditioning. Within the conditioning protocols, the cellular
response to mechanical stimuli, the development of contractile forces and the
collagen synthesis direction play a crucial role. It is essential to investigate
these processes to improve protocols and optimize tissue engineered mechanical
properties. Yet, these processes are highly coupled and may only be unraveled
with the assistance of mathematical models.

In this thesis, focus was given on studying the collagen architecture remodeling
in cardiovascular tissues. First, native tissues were investigated. A structure-
based model (Driessen et al., 2008) was applied to assess and evaluate the me-
chanical properties of pairs of aortic and pulmonary valves (Chapter 2). Finite

123



124 Summary

element analysis were performed to simulate the mechanical response of both
leaflets to a transvalvular aortic pressure load. Furthermore, remodeling laws
were applied to assess the change in properties of the pulmonary valve leaflets
in this position. The results from biaxial tensile tests were used to determine
the model parameters. When the results from both valves were compared, the
pulmonary valve was found to be more extensible and less anisotropic than the
aortic valve. Under the aortic valve environment, the stresses in the pulmonary
valve leaflet were also higher and the coaptation area was smaller than in the
aortic valve leaflets. Furthermore, our study showed that the pulmonary valve
leaflets appeared to remodel by increasing their thickness and rotating their
fibers towards the circumferential direction. Yet, this remodeling did not result
in properties that are completely identical to the aortic valve leaflet.

Although Driessen et al. model succeeded in predicting the typical collagen
fiber architecture found in the native leaflet, it appeared to be unsuitable to
describe the collagen remodeling in tissue engineered tissue developed under
static loading conditions. During static culture, experiments show that these
tissues gradually compact due to contractile stresses developed by cells. These
results suggest that collagen alignment under static loading conditions is a result
of tissue compaction. Therefore, compaction was incorporated in the model by
Driessen et al. employing the volumetric growth theory (Chapter 3). Using this
extended model, the distribution of the collagen architecture of tissue engineered
vessels developed under static loading conditions could be successfully described.
However, the underlying mechanism for tissue compaction was not incorporated
in the model, but assumed a priori. Therefore, the mechanisms by which the
cells remodel the collagen architecture were discussed in Chapter 4. A new
hypothesis was formulated and collagen orientation was linked to contractile
stresses that develop in the α-actin fibers of the cell. For this purpose, two
models were integrated: the first one describing the mechanical behavior of
collagen fibers and the second one the synthesis and degradation of α-actin
stress-fibers in the cell and the active, contractile forces that also develop in
the cells. It was assumed that the collagen direction and content were equal to
the α-actin stress-fiber direction and activation level. A feasibility study was
performed and the influence of the different parameters were evaluated (Chapter
5). The framework was then applied to study the collagen remodeling of tissue
engineered constructs developed under static loading conditions (Chapter 6).
The model successfully described the experimental results of tissue engineered
strips developed under static loading conditions. The model also successfully
predicted the non-intuitive collagen orientation in tissue engineered small dia-
meter vessels.

In conclusion, the results revealed the importance of an anisotropic collagen
arrangement for the proper functioning of the native leaflets. The results also
show that tissue compaction is essential to define the collagen architecture in
tissue engineered tissues developed under static loading conditions. Therefore,
tissue compaction should not be completely removed when trying to achieve
tissues with native-like mechanical properties.
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Arriaga in the same city. She continued her education at Instituto Superior
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