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Summary

Computational analysis of cell-mediated remodeling of
collagenous tissues

Cardiovascular tissue engineering aims at the development of living substitutes for dis-
eased cardiovascular tissues, with the potential to grow and remodel with patients and
to last a life-time. To this aim, ensuring physiological in vivo remodeling is crucial to
guarantee long-term functionality. However, the current capability to control in vivo
remodeling is hindered by the limited understanding of the complex interplay between
external loads and collagenous tissue remodeling. In this context, understanding the be-
havior of cells is fundamental. In fact, cells are known to respond to mechanical stimuli
and mediate tissue remodeling by exerting traction forces and by controlling collagen
turnover. Cell-mediated remodeling has been observed also in engineered heart valves.
The scope of the present thesis was to develop and enhance computational models to
analyze cellular behavior and its impact on collagenous tissue remodeling, particularly
aiming at understanding the effects of the (re)orientation of cells on heart valve remod-
eling.

First, the importance of cell and collagen remodeling for the biomechanics and func-
tionality of collagenous (engineered) tissues was discussed, with a particular attention
to (tissue-engineered) heart valves (chapter 1). By summarizing the main contributions
of previous computational models to the understanding of collagenous tissue remodel-
ing, the strengths and limitations of these models were identified. For example, although
previous computational models describing the cell-mediated remodeling of collagenous
tissues presented promising results, their application for the simulation of in vivo tissue
remodeling was not feasible because of excessive computational costs associated with
the prediction of cellular reorientation in response to mechanical stimuli.

To overcome this limitation, a numerical algorithm to enable the simulation of cellu-
lar remodeling in a limited amount of time was developed (chapter 2). In particular, an
analytical approximation for the resolution of a system of ordinary differential equations
with periodic coefficients was first identified. Then, the analytical approximation was
used to develop a numerical algorithm to predict the reorientation of cells in response to
periodic mechanical stimuli. Finally, it was demonstrated that this approach drastically
reduces the computational costs of predicting cellular reorientation, while sufficiently
maintaining the quality of the computational predictions.

Nevertheless, experimental studies have shown that collagen fibers in the cellular
surroundings can limit the reorientation potential of cells in response to mechanical
stimuli, and this phenomenon was not taken into account in previous computational
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models. To address this challenge, the influence of the collagen fiber architecture on
the reorientation of cells was included in a previously proposed computational model
for cell reorientation that considered only the effects of mechanical cues (chapter 3).
Collagen fibers were hypothesized to cause a spatial obstruction for cell reorientation,
or to provide topographical cues that induce cells to coalign with collagen fibers. The
different hypotheses were tested by simulating the remodeling of cell-populated collagen
gels with different collagen concentrations, subjected to several mechanical conditioning
protocols. The computational results were in agreement with previous experiments.
Therefore, possible mechanisms that determine the effects of collagen architecture on
cellular realignment in collagen gels and collagenous tissues in general were identified
and modeled.

With the goal to understand the emergence and reinforcement of the circumferen-
tial collagen fiber alignment observed in native heart valves during early development,
the proposed computational model for cellular reorientation in response to both me-
chanical and topographical stimuli (chapter 3) was coupled with a previously developed
computational model for collagen remodeling (chapter 4). Importantly, the simulations
performed with these coupled models could successfully predict the collagen fiber dis-
tribution in fetal and pediatric semilunar valves. Simulations performed by varying the
model parameters suggested that cellular forces and the reorientation of cells in re-
sponse to mechanical stimuli are essential for the emergence of a physiological, circum-
ferentially aligned collagen fiber network in native heart valves, while the tendency of
cells to coalign with collagen fibers is crucial to maintain and reinforce such alignment.

To obtain a more fundamental understanding of the mechanisms responsible for
cellular reorientation, we investigated the remodeling of cells cultured on grooved sub-
strates that are cyclically stretched along the direction of these topographical features
(chapter 5). In such substrates, cells are exposed to both mechanical and topograph-
ical stimuli. Thus, the simulation of this kind of experiments was judged ideal as the
two major (hypothesized) drivers for cellular reorientation are then in competition. In
particular, we chose to study the interplay between stress fibers and focal adhesions by
modeling their behavior with partial and ordinary differential equations, which were
solved with an approach coupling both analytical and numerical methods. The simu-
lations suggested that the interaction between stress fibers, focal adhesion signaling,
and mechanical cues can drive cellular realignment in response to mechanical and to-
pographical stimuli.

The phenomenon of cellular realignment in response to anisotropic directional cues
was further investigated (chapter 6) with the development of a statistical and com-
putational framework for the simulation of cellular realignment on substrates having
multiple parallel lines of fibronectin created with the microcontact printing technique.
The main hypothesis at the basis of this study was that cells tend to align along linear
patterns as a result of cellular free-energy minimization over the time-scale of seconds,
and cellular free-energy homeostasis over the time-scale of minutes. The comparison of
the computational results with experiments showed that not only is the proposed model
able to predict cellular realignment, but it can also capture and explain the degree of
variability of cellular orientations observed in experimental studies.

Finally, the studies and methods presented in this thesis were contextualized by ex-
plaining their advantages and disadvantages, and their contribution in enhancing our
understanding of cellular reorientation and cell-mediated remodeling of collagenous tis-
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sues more in general (chapter 7). Moreover, possible future directions were described,
ranging from suggestions for enhancements of the proposed models, to a general dis-
cussion on different computational approaches with the potential to address the current
limitations.

Summarizing, this PhD thesis presents computational models and numerical meth-
ods to analyze the underlying mechanisms of cell-mediated remodeling of collagenous
tissues. The simulations suggest that cell traction and cellular reorientation in response
to both mechanical stimuli and collagen alignment are fundamental for the develop-
ment of a physiological collagen architecture, and that cells may reorient by remodeling
their stress fibers and focal adhesions with the purpose to minimize their free-energy
over the time-scale of seconds, and to maintain a constant average free-energy over the
time-scale of minutes. In future studies, the developed models may prove vital to design
engineered tissue strategies and understand the remodeling of other native cardiovas-
cular tissues in healthy and diseased conditions.





Chapter 1

Introduction

This chapter is based on:
T. Ristori; A.J. van Kelle, F.P.T. Baaijens, S. Loerakker. Biomechanics and modeling of tissue-engineered
heart valves. To appear in M.S. Sacks and J. Liao (Eds.), Advances in heart valve biomechanics: the role of
mechanics in valvular physiology, mechanobiology, and the bioengineering of repair and replacement



2 Introduction

Our body is populated by trillions of cells (Sender et al., 2016) often surrounded by
collagen, the most abundant protein in our bodies. Collagen is usually organized in bun-
dles of fibers, which constitute the main structural component of many tissues such as
tendons, ligaments, heart valves, and arteries (Fratzl, 2008). Cells constantly remodel
these collagenous tissues in response to the stimuli coming from their surroundings to
ultimately ensure a proper functionality of these tissues. This remodeling occurs via
several mechanisms. For example, cells exert traction forces that can deform soft tis-
sues and reorient collagen fibers (Sawhney and Howard, 2002; Legant et al., 2009). At
the same time, cells mediate collagen turnover by degrading and synthetizing collagen
(Wojtowicz-Praga et al., 1997; Butt and Bishop, 1997; Breen, 2000; Visse and Nagase,
2003; Yang et al., 2004). Despite the importance of these biological processes for the
architecture and functionality of many tissues in our bodies, the underlying mecha-
nisms and cellular responses that determine cell-mediated remodeling are only partly
understood. Collagen remodeling is a fundamental mechanism observed in both na-
tive and engineered heart valves (Driessen-Mol et al., 2014; Oomen et al., 2016). In
the present thesis, computational models are developed to analyze cell-mediated re-
modeling in heart valves. These models may prove vital to engineer living heart valve
replacements with long-term functionality.

1.1 Clinical background

Annually, an estimated 300.000 heart valve replacements are performed worldwide (Ya-
coub and Takkenberg, 2005). Current heart valve replacements can be categorized into
two groups: mechanical and bioprosthetic valves. Although both of these prostheses
are life-saving, they do exhibit a number of drawbacks. Mechanical valves have shown
good structural durability, but they are prone to thromboembolic events, making life-
long treatment with anticoagulants inevitable (Zilla et al., 2008). On the other hand,
while bioprosthetic valves do not require anticoagulation therapy, they do suffer from
structural valve degeneration and the associated requirement for reoperation (Bloom-
field et al., 1991; Hammermeister et al., 2000). Besides these type-specific drawbacks,
both heart valve replacements lack the ability to grow, repair, and remodel in response to
changes in their environment, which especially imposes problems for younger patients.
A promising alternative for the currently available prostheses are tissue-engineered heart
valves (TEHVs), as these living valves do have the intrinsic potential to grow, repair and
remodel. One can roughly distinguish two different approaches in heart valve tissue
engineering (HVTE): in vitro and in situ approaches.

1.1.1 In vitro heart valve tissue engineering

The in vitro HVTE approach is based on the classical tissue engineering (TE) paradigm,
in which extracellular matrix (ECM) producing cells are seeded onto a scaffold. This cell-
scaffold construct is then cultured in vitro in a bioreactor, during which various stimuli
are provided to the cells to trigger them to synthesize and/or remodel their ECM. A par-
ticularly important aspect in this is the choice of scaffold. Decellularized xenografts or
homografts would seem the obvious choice (Curtil et al., 1997; Schenke-Layland et al.,
2003; Knight et al., 2005), as these grafts are geometrically and structurally very similar
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to native heart valves. However, these materials suffer from some serious drawbacks:
the use of xenografts has a zoonoses associated risk, while the use of homografts suffers
from a limited availability of donor material. Moreover, both decellularized grafts have
limited recellularization potential (Weber et al., 2013). An alternative scaffold for in
vitro tissue engineering is a biocompatible synthetic material which, depending on the
choice of material, offers a broad range of scaffold properties. In 1995, Shinoka et al.
(1995) was the first to show the potential of this classical in vitro approach, replacing
a single valve leaflet with a TE construct. Since 2000, several studies performed full
heart valve replacements with TEHVs, using different cell types and scaffold materials
(Hoerstrup et al., 2000; Mol et al., 2005; Sutherland et al., 2005; Schmidt et al., 2006).
Still, this approach does require a period of in vitro cell culture and results in a living
biological prosthesis prior to implantation, which complicates the regulatory processes.
Moreover, this technique does not offer off-the-shelf capability, which makes this tech-
nique clinically less attractive.

1.1.2 In situ heart valve tissue engineering

An alternative to the in vitro approach is the in situ HVTE approach. This technique
does not rely on the classical TE paradigm, but merely uses the human body’s own re-
generative potential to regenerate a living, functional, heart valve. Key in this technique
is the choice of scaffold, as no in vitro culture phase is used. This scaffold should be
able to allow cellular infiltration and retention in vivo, whilst also inducing subsequent
remodeling. Again, decellularized xenografts or homografts could be used as a scaffold
(Goldstein et al., 2000; Leyh et al., 2003), but these still suffer from the previously men-
tioned drawbacks. Decellularized in vitro TEHVs (Dijkman et al., 2012; Weber et al.,
2013) overcome this drawback, but rely on in vitro culture. The use of synthetic materi-
als is appealing, as the scaffold properties are well defined and can be tuned to suit the
intended application. This, with the off-the-shelf availability, makes the in situ approach
an attractive candidate for HVTE.

1.1.3 Limitations and challenges

Current approaches have shown promising results. However, there are still several chal-
lenges that need to be overcome. First, implanted TEHVs often showed leaflet retrac-
tion after in vivo remodeling, resulting in valvular insufficiency (Flanagan et al., 2009;
Driessen-Mol et al., 2014) . Second, obtaining the native layered structure, lined with
endothelial cells, has proven to be an issue (Weber et al., 2013). Finally, current clinical
studies focus mainly on the relatively short-term development of TEHVs in vivo, so the
long-term tissue growth and remodeling remains to be elucidated.

1.1.4 Outline of introduction

We hypothesize that current limitations mainly arise due to a mismatch between the fi-
nal structural properties of the TEHV and its native counterpart, and that computational
models can help in the process of overcoming such limitations. In what follows, our
hypothesis will be motivated by linking the native heart valve structure with its biome-
chanics and functionality, and by comparing the structure of native and TE heart valves.



4 Introduction

Subsequently, the potential impact and current state of computational models for TEHVs
will be described. With this description, the main limitations of the present computa-
tional approaches will be identified, which will motivate the objectives and outline of
this thesis.

1.2 Biomechanical properties of native and TEHVs

The ultimate goal of HVTE is to create living heart valve substitutes with the same hemo-
dynamics and biological functionality as their native counterparts. This functionality is
determined by the valve’s structure and consequent biomechanical properties. Inves-
tigating the differences in structure and biomechanical properties of native valves and
TEHVs is thus crucial to improve current HVTE strategies.

1.2.1 Native heart valve structure, function, and biomechanics

Aortic valves are composed of three thin and half-moon shaped leaflets attached in a
crown-shape fashion to the aortic root (Anderson, 2007). The points of the attachment
that two leaflets have in common are called commissures. When the valve is closed, the
edges of the leaflets not attached to the aortic root (free edges) form a small overlap
of tissue (coaptation area) that provides a safety margin for valve closure (Thubrikar,
1990). Finally, the leaflets have a body of tissue between the attachment and the free
edges (belly), which bears the largest part of the pressure exerted on the leaflet (Sutton
et al., 1995).

The primary function of heart valves, which is to impede blood back flow, is achieved
due to highly optimized biomechanical properties. Throughout the cardiac cycle, heart
valves are subjected to a wide range of mechanical stimuli (Balachandran et al., 2011),
namely shear stress during systole, bending strain in between systole and diastole, and
pressure during diastole. In the context of functional mechanics, we focus our attention
on the biomechanical responses to blood pressure. Native leaflets have anisotropic and
highly nonlinear mechanical properties: they are stiffer in the circumferential direction
than the radial direction, and respond to stress with a nonlinear increase in stiffness as
tension increases (Mavrilas and Missirlis, 1991; Billiar and Sacks, 2000b) (Fig. 1.1).
Due to this biomechanical behavior, at the end of the systolic phase, the leaflets enlarge
mainly radially to close the valve, restrict circumferential strain, and then rapidly stop
their deformation ensuring a proper valve closure (Sacks and Yoganathan, 2007). So,
there is a clear correlation between biomechanical properties and functionality.

The biomechanical behavior of aortic leaflets is determined by their components,
which are mainly valvular interstitial cells, collagen, elastin, glycosaminoglycans (GAGs),
and proteoglycans (PGs) (Schoen, 2008). The aortic leaflets have three layers, the fi-
brosa, the spongiosa, and the ventricularis, containing different proteins: the fibrosa is
mainly composed of bundles of circumferentially oriented collagen fibers (Ho, 2009);
the ventricularis consists of a considerable amount of elastin disposed in a dense sheet
(Scott and Vesely, 1996); and the spongiosa comprises predominantly GAGs, PGs, and
some collagen and elastin connecting the other two layers (Thubrikar, 1990; Hasan
et al., 2013; Buchanan and Sacks, 2014). The biomechanical behavior of the leaflets
is mostly determined by the collagen present in the fibrosa. Collagen fibers are known
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to be crimped in absence of hemodynamic loading, and to withstand only tensile stress
exerted along their direction. Due to their initially wavy configuration, they exert low
resistance against low levels of strain while, at higher levels, they get fully extended and
prevent further strain, leading to the tissue’s nonlinear mechanical behavior. The tissue
anisotropy is caused by the circumferential alignment of the collagen fibers, which gives
the tissue a higher stiffness in that direction.

Figure 1.1: Representation of the mechanical response of native (left bottom) and tissue-
engineered (right bottom) heart valves to biaxial loading (as induced by transvalvular
pressure).

1.2.2 TEHV biomechanical properties

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

1.2.3 Computational simulations of TEHVs

Computational simulations play a significant role in determining the optimal initial con-
figurations for TEHVs. For instance, using computational modeling, Loerakker and col-
leagues (Loerakker et al., 2013; Sanders et al., 2016) demonstrated that the geometry
of the leaflets can have a major influence on the valve mechanical behavior and on the
mechanical stimuli sensed by the tissue, and that a suboptimal leaflet design may be one
of the causes of in vivo leaflet retraction.

In addition to knowing how the initial properties of the engineered tissues affect
the mechanics of the heart valve, understanding and being able to predict the subse-
quent tissue remodeling process as a function of the initial valve design is essential as
well. Most of the previously developed tissue remodeling algorithms focused on pre-
dicting collagen remodeling, as this is the main determinant of the mechanical behavior
of most tissues. The first models that were developed to predict collagen remodeling
mainly adopted a phenomenological approach to identify which mechanical parameters
are most relevant for the remodeling process. An overview of these models and their
similarities and differences will be given in the next section.

1.3 Early computational models of collagen remodeling

1.3.1 Collagen architecture in native aortic heart valves

The collagen architecture in native aortic heart valve leaflets is well organized and
mainly circumferentially oriented (Fig. 1.2). Collagen fibers are not homogenously
distributed over the leaflets, but arranged into bundles (Rock et al., 2014). The macro-
scopic configuration of these bundles has often been compared to a hammock-like struc-
ture, as they seem to depart mainly from common points (the two commissure points)
and branch into various bundles in between. The circumferential alignment of the bun-
dles is evident along the free edges while, due to the branching, this orientation may be
less apparent in the belly. However, microscopic examination has shown that also the
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collagen fibers present in this region of the leaflets are mainly oriented circumferentially
(Sacks et al., 1997, 1998; Oomen et al., 2016).

Figure 1.2: Collagen architecture in the fibrosa layer of a native human heart valve leaflet. Cour-
tesy of Pim Oomen.

1.3.2 Collagen remodeling in response to mechanical stimuli

The collagen fibers present in heart valves remodel in response to changing demands,
where we define collagen remodeling as the process of realignment, degradation, and
synthesis of collagen fibers. Several studies have suggested that the level of organization
of the collagen architecture is proportional to the magnitude of the pressure exerted on
the closed valve. For instance, pulmonary heart valves experience a lower pressure than
their aortic counterpart and, although they have a similar geometry, they exhibit lower
values of collagen content and alignment (Oomen et al., 2016). The same phenomenon
can be observed by comparing aortic valves of different ages. The aortic pressure in-
creases with age and, consequently, the collagen structure in these heart valves adapts
to these changes. Early fetal heart valves exhibit loosely arranged collagen fibers that
increase in content in the first weeks of development. After birth, the circumferential
alignment of the collagen fibers continues to increase with age and with the associated
increase in transvalvular pressure difference, until the adult configuration is acquired
(Aikawa et al., 2006; Oomen et al., 2016).
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The influence of mechanical stimuli on collagen remodeling has been demonstrated
also via in vitro experiments. For instance, it has been observed that, in cell-populated
collagen gels and engineered cardiovascular tissues, the collagen organization is isotropic
when these constructs are biaxially constrained (Thomopoulos et al., 2005; Rubbens
et al., 2009), whereas in case of uniaxial constraints, the collagen fibers orient along
the constrained direction (Costa et al., 2003; Kostyuk and Brown, 2004; Rubbens et al.,
2009). Additionally, Rubbens et al. (2009) demonstrated that dynamic stretch increases
the rate of collagen realignment and the collagen content along the stretched direction.
Concluding, mechanical stimuli play a significant role in collagen remodeling, and need
to be understood to successfully engineer tissues with a physiological and functional
collagen network.

1.3.3 Early computational models

In addition to experimental work, computational models have been developed to un-
derstand the mechanisms of collagen remodeling and to predict how the final collagen
organization depends on factors such as tissue geometry, mechanical properties, and
external mechanical loads. Early computational studies on collagen remodeling have
investigated which mechanical stimuli are the most important determinants in this pro-
cess, focusing on predicting the (re)alignment of collagen fibers (Boerboom et al., 2003;
Driessen et al., 2003a,b, 2004, 2005; Hariton et al., 2007; Kuhl and Holzapfel, 2007;
Driessen et al., 2008; Menzel et al., 2008; Menzel and Waffenschmidt, 2009; Creane
et al., 2011; Sáez et al., 2011). Various phenomenological hypotheses have been tested,
with stress and strain often chosen as driving mechanical stimuli for this phenomenon.
To validate the hypotheses for collagen remodeling, the model predictions have been
compared with the collagen architecture observed in native cardiovascular tissues, such
as heart valves and arteries.

1.3.4 Realignment with principal loading directions

As one of the first attempts, Driessen et al. (2003a,b) and Boerboom et al. (2003) pre-
dicted collagen remodeling considering a discrete number of fiber directions. They hy-
pothesized that collagen fibers align towards the principal strain directions and that
their amount increases with the strain magnitude (Fig. 1.3). Their models were able to
successfully predict the mainly circumferential collagen organization present in native
heart valve leaflets. Computational models with similar hypotheses, but with the stress
chosen as mechanical stimulus driving the remodeling, have been used to successfully
study the tissue remodeling in other tissues, such as transversely isotropic tissues and
tendons (Kuhl et al., 2005; Menzel, 2005).

Conversely, the numerical algorithms resulting from these first hypotheses appeared
unable to predict the collagen distribution present in native arterial walls, which is char-
acterized by collagen fibers grouped in two distributions of which the main orientations
form a double-helical structure, with increasing pitch from inside to outside (Schriefl
et al., 2012). In arteries, the principal strain directions are the axial and the circumfer-
ential ones. Therefore, a numerical algorithm developed using the previous hypotheses
would erroneously predict collagen fibers oriented axially or circumferentially. Since
heart valves and arteries roughly consist of the same components (Holzapfel et al.,
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2000), the collagen fiber architecture present in these two cardiovascular tissues should
be predictable with similar collagen remodeling laws. As a consequence, the previous
hypotheses needed to be revised to successfully predict collagen remodeling in a broader
range of cardiovascular tissues.

Figure 1.3: Main hypothesis of early computational models for collagen remodeling and the pre-
dicted collagen fiber orientation under uniaxial, biaxial, or equibiaxial loading.

1.3.5 Realignment in between principal loading directions

Driessen et al. (2004, 2005) were able to predict the collagen architecture present in
both native arterial walls and heart valves using a single type of remodeling law, by
considering two fiber directions and hypothesizing that collagen fibers prefer to align
in between the principal strain directions (Fig. 1.3). In addition, similar results for the
collagen architecture in the arterial wall could be obtained choosing the stress as the
driving mechanical stimulus (Hariton et al., 2007; Kuhl and Holzapfel, 2007).

The preferred directions introduced in these models depend on the difference be-
tween the magnitude of the two maximal principal strains or stresses: the larger this
difference, the closer the preferred direction is to the maximal principal loading direc-
tion (Fig. 1.3). As a result, in case of uniaxial strain, the preferred direction and the
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strained direction coincide. Therefore, the predictions of this kind of mathematical mod-
els can be reformulated as follows: in case of uniaxial strain, collagen orients towards
the strained direction; in case of biaxial strain, collagen aligns in between the principal
loading directions. In the context of heart valves, since the commissure region is known
to be uniaxially strained while the belly is biaxially loaded (Sacks et al., 1998), these
hypotheses predict a circumferential alignment of collagen close to the free edges and a
more branched orientation in the belly (Driessen et al., 2005), which is in accordance
with experimental results (Sauren, 1981; Sacks et al., 1998).

Nevertheless, these models still have some limitations, mostly related to the use of
only two fiber directions. In the belly of the leaflets, using only two fiber directions,
these models predict the branching of the collagen fibers with the two fiber families di-
verging from the circumferential direction (Driessen et al., 2005)(Fig. 1.3). Although
the branching of collagen fibers itself is consistent with experimental observations, the
complete lack of collagen fibers in the circumferential direction is not physiological
(Sacks et al., 1998; Oomen et al., 2016). Further limitations can be found consider-
ing equibiaxially-loaded tissues. The isotropic collagen organization observed in these
tissues (Sander et al., 2011) cannot be predicted with computational models that only
consider two fiber directions for the collagen network.

1.3.6 Inclusion of fiber dispersity

In a successive study, Driessen et al. (2008) overcame the limitations of the previous
models by introducing a fiber dispersity for the two collagen fiber families. Similar to
the previous mathematical models, the main fiber directions were hypothesized to align
in between the principal loading directions, while the fiber dispersity was hypothesized
to be inversely proportional to the difference of strain or stress magnitude between the
two maximal principal loading directions (Fig. 1.3).

The remodeling laws of this model are conceptually equivalent to the previously pro-
posed laws (Driessen et al., 2004; Hariton et al., 2007), but the use of a fiber dispersity
presents significant advantages over the previous approach. For instance, this numer-
ical algorithm is able to predict the isotropic collagen distribution in tissues subjected
to equibiaxial loads. In that case the fiber dispersity is predicted to be maximal, and
thus a main direction of the fibers is predicted to be absent. Moreover, Driessen et al.
(2008) obtained improved results for the simulation of collagen remodeling in native
heart valves. The use of fiber dispersity enabled the prediction of a large amount of
collagen in the circumferential direction also in the belly of the leaflets, which had not
been observed in the previous computational results (Driessen et al., 2005). The main
directions of the two fiber families at this location were still predicted to be in between
the circumferential and radial directions. However, due to the large fiber dispersity, the
two fiber families always overlapped along the circumferential direction. Consequently,
for the collagen architecture as a whole, their contributions in this direction had to be
summed and thus a high content of collagen in the circumferential direction could be
successfully predicted (Fig. 1.3).
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1.3.7 Main limitations

Although the models described in this section are successful in predicting the collagen
structure in various cardiovascular tissues, they are mainly phenomenological in nature
and do not include biological motivations for the collagen remodeling process. The in-
clusion of the biological phenomena involved in collagen remodeling in computational
models is, however, necessary to understand the underlying mechanisms and further
enhance the predictive capacity of the models. For example, next to mechanical cues,
cells are the main affecters of collagen remodeling, since they are responsible for col-
lagen production and cell-produced enzymatic collagen degradation. Moreover, cells
have shown to alter the apparent stiffness and prestress of the tissue, by pulling on their
surroundings, including collagen fibers (Meshel et al., 2005). These effects need to be
accounted for in computational models of tissue remodeling, as it is of major importance
for obtaining accurate predictions of the mechanical state of the tissue, which in turn
will drive the remodeling process in the model.

1.4 Prestress and cell-mediated collagen remodeling

The computational models described in the previous section were able to predict the
collagen architecture in native cardiovascular structures in many cases. Yet, these phe-
nomenological models lacked biological motivations for the proposed remodeling laws.
Experimental studies suggest that cells play a major role in tissue remodeling by me-
diating collagen turnover and prestress and by exerting traction forces in response to
the mechanical stimuli in their surroundings. In turn, it appears that cellular behav-
ior is determined by the remodeling of their internal actin stress fibers. Including the
cellular and stress fiber behaviors into collagen remodeling algorithms can therefore
greatly increase the predictive potential of the computational models, and help to better
understand the underlying mechanisms of collagen remodeling.

1.4.1 Cell-mediated collagen turnover

Cells embedded in the tissue form the bridge between mechanical stimuli and subse-
quent collagen turnover; in fact, cells sense mechanical loads and act accordingly to
remodel the collagenous matrix. These mechanical stimuli influence three factors that
are important in cell-mediated collagen turnover: collagen synthesis, cellular orienta-
tion, and cell-produced enzymatic collagen degradation.

First, new collagen fibers are synthesized (in the form of procollagen) and deposited
by cells. In vitro experiments have demonstrated that fibroblasts embedded in cyclically
strained tissues increase their mRNA expression of procollagen (Butt and Bishop, 1997;
Breen, 2000; Yang et al., 2004). As a result, cells seeded on cyclically stretched scaffolds
increase their collagen synthesis (Boerboom et al., 2008; Rubbens et al., 2009).

Second, in the process of collagen synthesis, cellular orientation also plays a signifi-
cant role. In fact, these new collagen fibers are primarily deposited in the main cellular
direction (Wang et al., 2003). This direction changes in response to several kinds of
cues, as discussed more thoroughly in section 1.4.3. Among these cues, mechanical
stimuli seem to play an important role.
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Finally, not only cell-mediated collagen synthesis and deposition are important for
collagen remodeling, but also collagen degradation. Cells synthesize matrix metallopro-
teinases and tissue inhibitors of matrix metalloproteinases, which are the mediators of
collagen degradation (Wojtowicz-Praga et al., 1997; Visse and Nagase, 2003). Fibrob-
lasts increase their expression of these collagen degradation mediators in response to
cyclic strain (Yang et al., 2005; Shelton and Rada, 2007). In addition to cellular ex-
pression, strain also affects enzymatic collagen degradation. In particular, if collagen
fibers get strained, they undergo a molecular change for which it has been hypothesized
that it makes them less susceptible to MMP-mediated degradation (Huang and Yannas,
1977; Ruberti and Hallab, 2005; Bhole et al., 2009; Wyatt et al., 2009). In summary,
it is apparent that mechanical stimuli influence cellular behavior, which ultimately has
significant consequences for collagen turnover and the resulting collagen architecture.

1.4.2 Cell-mediated prestress

In addition to driving the collagen turnover in response to mechanical stimuli, cells
influence the biomechanical behavior of tissues and collagen realignment by applying
traction forces to their surroundings. The presence of these forces has a direct effect
on this biomechanical behavior, since they lead to tissue prestress, compaction, and
resulting collagen realignment in many soft biological tissues (van Vlimmeren et al.,
2011). Rausch and Kuhl (2013) attributed discrepancies between in vivo and in vitro
stiffness measurements of biological tissues to the presence of prestress, indicating that
prestress directly influences the tissue’s biomechanical behavior by changing the appar-
ent stiffness. Furthermore, prestress indirectly affects collagen remodeling. For example,
Grenier et al. (2005) showed that prestressed tissues exhibit enhanced tissue formation
compared to unconstrained tissues. One explanation for this observation is that the pre-
stressed collagen fibers in the constrained samples were less susceptible to enzymatic
degradation.

1.4.3 Stress fibers as a mediator of cellular (re)orientation and trac-
tion forces

Actin stress fibers are filaments of F-actin cross-linked by α-actinin and bundled by
myosin II. These acto-myosin bundles are fundamental for the interaction of cells with
their surroundings, because cells are known to synthetize collagen (Wang et al., 2003)
and exert contractile forces onto their surrounding material along the directions of these
fibers (Burridge and Wittchen, 2013). These cellular forces play a pivotal role in the dif-
ferentiation and orientation of cells, and the organization of the extracellular matrix
(Meshel et al., 2005; Engler et al., 2006; Ghibaudo et al., 2008; Foolen et al., 2012).
Furthermore, it is well established that cellular forces are among the most important
contributors to tissue prestress (van Vlimmeren et al., 2012). For these reasons, to en-
hance the computational models for tissue remodeling, including an algorithm that is
able to predict the orientation of and stress exerted by stress fibers is crucial.

Similar to collagen fibers, stress fibers remodel in response to mechanical stimuli.
Several studies have shown that, when cells are cultured on a substrate with anisotropic
stiffness or embedded in a uniaxially constrained collagen gel, their stress fibers align
along the stiffest or constrained direction (Ghibaudo et al., 2008; Foolen et al., 2012).
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Conversely, when seeded on a stiff substrate or a biaxially constrained collagen gel that
is cyclically strained in one direction, cells orient perpendicular to the strain (Wang,
2000; Kaunas et al., 2006; Foolen et al., 2012; Tondon et al., 2012). This phenomenon
is known as strain avoidance, and depends on the frequency and amplitude of the cyclic
strain, where larger frequencies or amplitudes lead to higher levels of alignment (Faust
et al., 2011; Tondon et al., 2012). Importantly, recent studies have shown that stress
fibers do not orient perpendicular to the direction of uniaxial cyclic stretching when
cells are seeded on a low stiffness substrate or embedded in a uniaxially constrained
collagen gel. In these conditions, stress fibers prefer to align along the direction of the
applied stretch (Foolen et al., 2012; Obbink-Huizer et al., 2014b; Tondon and Kaunas,
2014). This phenomenon seems to highlight the importance of stress fiber stress for the
organization of stress fibers. In fact, one possible explanation for these observations is
the following: for low stiffness materials, cells cannot exert high tension perpendicular
to the cyclic stretch because the material is too compliant to contrast the cellular tension,
and consequently the final stress fiber architecture does not orient in this direction; on
the other hand, in the direction of the cyclic stretch, cells sense this mechanical stimulus
as a mechanical resistance to their cellular forces, and thus they accordingly realign their
stress fibers along the direction of the applied stretch.

In addition to mechanical stimuli, stress fibers also respond to topographical and
biochemical cues, which is known as the contact guidance phenomenon. We refer
to contact guidance when stress fibers arrange themselves along geometrical or bio-
chemical patterns, such as nano/microgrooves or adhesive lines on two-dimensional
substrates (Zimerman et al., 2004; Lamers et al., 2010), or fibrous structures in three-
dimensional environments (de Jonge et al., 2013; Foolen et al., 2014). The effects
of strain anisotropy and contact guidance can be in competition. For instance, this
competition can occur when cells are seeded on microgrooved substrates and stretched
along the direction of these topographical patterns. In these conditions, contact guid-
ance would induce an alignment parallel to the direction of the microgrooves, while the
cyclic strain would induce an alignment in the perpendicular direction. Prodanov et al.
(2010) demonstrated that the final stress fiber configuration resulting from this compe-
tition depends on several factors, such as the microgroove size and the frequency of the
cyclic strain. Similarly, in 3D, it has been observed that contact guidance has a larger
influence than strain anisotropy when cells are embedded in a gel with a high density of
collagen (Foolen et al., 2014), or cultured in polymeric fibrous scaffolds (Niklason et al.,
2010).

1.4.4 Computational models of cell-mediated collagen remodeling

One of the first models to investigate the effects of cell traction on collagen realign-
ment was the model of Soares et al. (2011). In this phenomenological model, cell
traction was added to the collagen framework proposed by Driessen et al. (2008), via
the inclusion of inverse isotropic volumetric growth. Although this model was relatively
simple, it was able to predict the change in collagen orientation through the thickness
of tissue-engineered vascular grafts. Despite its relative simplicity, the model showed
the importance of including cellular behavior (in this particular case cell traction) into
computational models.

Successively, Nagel and Kelly (2012) studied the effects of cellular contraction on
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collagen realignment with a more complex theory. Rather than directly including the
cell traction forces in the model, they assumed that cells, seeking for a homeostatic
level of strain or stress experienced via their interaction with collagen, contract collagen
fibers in a ‘hand-over-hand’ fashion (Meshel et al., 2005). This was implemented in the
model by assuming that the stress-free configuration of collagen fibers evolves towards
a preferred homeostatic level. These principles were then coupled with a mathemati-
cal model for the collagen realignment along the maximum principal strain direction.
Several experimental observations could be reproduced with this framework, including
collagen remodeling occurring in periosteum (Foolen et al., 2010), collagen gels (Tho-
mopoulos et al., 2005), and cruciform fibrin gels (Sander et al., 2011). However, this
model was still phenomenological, since it did not describe the underlying mechanisms
driving collagen crimping and turnover, and the homeostatic collagen stress-free config-
uration was set a priori.

Recently, Heck et al. (2015) proposed a biologically motivated model in which col-
lagen degradation is the main mediator of collagen remodeling. In this model, collagen
fibers are assumed to degrade via a strain dependent mechanism for which at higher
strains the collagen fibers are less susceptible to degradation (Wyatt et al., 2009). Fur-
thermore, it was hypothesized that both collagen production and degradation increase
with cellular deformation. Contact-guided cell traction was included by assuming that
the magnitude of the cell-induced collagen fiber strain evolves towards the value at
which collagen production and degradation are in equilibrium. Finally, when over-
stretched, collagen fibers could rupture in a two-stage manner. This model was able
to predict a wide range of experiments (Ellsmere et al., 1999; Hu et al., 2009; Foolen
et al., 2010; Lee et al., 2010), but without using a single set of model parameters. More-
over, the stress fiber remodeling was not explicitly included in the model, but merely
dictated by the collagen network. Therefore, cell-mediated remodeling is limited, as
collagen fiber remodeling is the real actuator of the model.

1.4.5 Inclusion of stress fiber remodeling

Loerakker et al. (2014) attempted to model cell-mediated collagen remodeling by us-
ing a bottom-up approach, coupling two separated mathematical models for collagen
fiber remodeling and stress fiber stress and remodeling. In particular, several previously
proposed hypotheses were included and coupled in one common numerical algorithm.

The stress fiber stress and remodeling algorithm coincided with a computational
model previously proposed by Obbink-Huizer et al. (2014b), based on the previous the-
ories of Deshpande et al. (2006) and Vernerey and Farsad (2011). In summary, Obbink-
Huizer et al. (2014b) assumed that cells produce more stress fibers in directions where
they exert more stress, with such stress decreasing in response to both fast compressions
and non-zero levels of strain. Their computational model was able to predict the stress
fiber final configuration as a result of different mechanical stimuli, such as anisotropic
stiffness and cyclic strain with varying frequency and amplitude, using only a single set
of parameters.

With the inclusion of the computational model for stress fiber stress and remodel-
ing, Loerakker et al. (2014) could include the stress fiber mediated tissue compaction
via two mechanisms: directly via stress fiber contractile stress, and via cell-mediated
contraction of the collagen fibers. The latter was implemented in a similar manner as
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proposed by Nagel and Kelly (2012), but the stress-free configuration of collagen fibers
was assumed to depend on the stress fiber stress and the presence of mechanical loads,
instead of being imposed a priori. Concerning the collagen turnover, two hypotheses
for collagen production and two hypotheses for collagen degradation were tested and
compared. The first degradation hypothesis was the same as implemented by Heck et al.
(2015); degradation decreases with strain and becomes constant after a certain thresh-
old value. On the other hand, the second degradation hypothesis assumed an increased
degradation after this threshold value. The production part of the model assumed either
collagen deposition in the direction of the stress fibers, in accordance to experimental
observations (Wang et al., 2003), or isotropic deposition which would correspond to the
hypothesis that collagen remodeling is dictated by degradation.

This model was able to reproduce a variety of experimental outcomes (Foolen et al.,
2010; van Vlimmeren et al., 2011; Sander et al., 2011) and was the first to predict a
helical collagen organization in vascular grafts without a priori assuming two distinct
fiber families. An advantage of this model over the previously described models is that
all the simulations were performed with the same set of model parameters.

1.4.6 Main limitations

By including cellular behavior, the predictive capacity of computational models for col-
lagen remodeling has greatly increased. Particularly, Loerakker et al. (2014) demon-
strated that a computational model with a high predictive potential can be obtained by
coupling models for collagen and stress fiber remodeling. However, the resolution of the
differential equations involved in this coupling via direct numerical integration causes
excessive computational costs in case of dynamic loading conditions. Importantly, if this
limitation is not overcome, it will make the simulation of TEHVs under in vivo conditions
practically impossible with such framework.

In addition, currently no computational model for tissue remodeling considers
and investigates the effects of both contact guidance and mechanical stimuli on the
(re)orientation of cells and stress fibers. As discussed in section 1.4.3, experimental
studies have shown that cells and stress fibers are highly influenced by both kinds of
cues. Consequently, we believe that accounting for the competition between such stim-
uli could greatly increase the predictive potential of the computational simulations.

1.5 Objectives and outline of the thesis

In this thesis we aimed at overcoming the limitations of previous computational models
for collagenous tissue remodeling by enabling the simulation of collagen and stress fiber
remodeling under dynamic loading conditions, and by modeling and investigating the
(re)orientation of cells in response to both contact guidance and mechanical stimuli.

A computational approach was developed to predict, with a limited computational
cost, the remodeling of stress fibers in response to mechanical stimuli under dynamic
loading conditions (chapter 2). This approach enabled the simulation of the cell-mediated
remodeling of collagenous tissues undergoing dynamic loading (chapter 3 and 4). The
model covers stress fiber remodeling in response to both contact guidance and mechan-
ical stimuli (chapter 3). The remodeling of native fetal and pediatric semilunar valves
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was successfully captured by this model (chapter 4). This framework allows for under-
standing the impact of individual mechanisms on the evolution of the collagen architec-
ture.

Successively, the underlying biophysical principles determining the (re)orientation
of cells in response to contact guidance and mechanical stimuli were investigated at
the cellular level (chapter 5 and 6). First, the mechanisms driving the (re)orientation of
cells on cyclically strained substrates provided with topographical cues were investigated
(chapter 5). Next, a statistical framework was employed to investigate the biophysical
principles determining the alignment of cells along anisotropic biochemical cues on two-
dimensional substrates (chapter 6).

Finally, a review is provided of the main results of this thesis, together with their
limitations, their potential impact on other studies, and an outlook for future directions
and perspectives (chapter 7).



Chapter 2

Efficient computational
simulation of actin stress fiber
remodeling

Understanding collagen and stress fiber remodeling is essential for the development of
engineered tissues with good functionality. These processes are complex, highly inter-
related, and occur over different time scales. As a result, excessive computational costs
are required to computationally predict the final organization of these fibers in response
to dynamic mechanical conditions. In this study, an analytical approximation of a stress
fiber remodeling evolution law was derived. A comparison of the developed technique
with the direct numerical integration of the evolution law showed relatively small dif-
ferences in results, and the proposed method is one to two orders of magnitude faster.

This chapter is based on:
T. Ristori; C. Obbink-Huizer, C.W.J. Oomens, F.P.T. Baaijens, S. Loerakker. 2016 Efficient computational
simulation of actin stress fiber remodeling, Comput Methods Biomech Biomed Engin. 19(12):1347-58. doi:
10.1080/10255842.2016.1140748
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2.1 Introduction

The actin stress fiber organization largely influences cell functions and their potential
to adapt to their surroundings. These actin bundles are known to be essential for cel-
lular migration (Saez et al., 2007), cellular contractility (Deshpande et al., 2006), and
the maturation of other cellular structures such as focal adhesions (Vogel, 2006; John-
son et al., 2007). Moreover, they play a crucial role in the remodeling of extracellular
matrix structures, such as collagen fibers. The mechanical properties of soft tissues
depend to a large extent on the organization of collagen fibers, which are considered
as the main load-bearing components in most tissues and the principal contributors to
their anisotropic mechanical properties. For example, in heart valves, circumferentially
aligned collagen fibers have been observed (Billiar and Sacks, 2000b; Martin and Sun,
2012). This structure transfers the pressure applied on the closed heart valve to the
aortic wall (Peskin and McQueen, 1994). Furthermore, it reinforces the circumferential
direction enabling the stretch in the radial direction for a proper closure of the heart
valve (Billiar and Sacks, 2000b,a; Sacks et al., 2009; Martin and Sun, 2012; Fan et al.,
2013; Loerakker et al., 2013). Next to external loads (Ruberti and Hallab, 2005; Bhole
et al., 2009; Wyatt et al., 2009; de Jonge et al., 2013), the collagen network is remod-
eled by contractile forces exerted by the cells along their principal direction, which is
determined by the organization of actin stress fibers (Wang et al., 2003; Ghibaudo et al.,
2008; Faust et al., 2011). Therefore, to enhance our knowledge of all these phenomena,
understanding the process of stress fiber remodeling is necessary.

Like collagen fibers, stress fibers change their orientation over time. These actin bun-
dles remodel in response to competing stimuli called strain anisotropy, and anisotropy
of mechanical resistance (Obbink-Huizer et al., 2014b). Experiments have shown that
cells orient in the direction perpendicular to the strain when undergoing cyclic strain on
a stiff substrate or a biaxially constrained gel (Kaunas et al., 2005; Foolen et al., 2012;
Tondon et al., 2012; Foolen et al., 2014). This phenomenon, in response to solely strain
anisotropy, is known as strain avoidance and is influenced by the frequency and ampli-
tude of the cyclic strain (Kaunas et al., 2005; Faust et al., 2011; Tondon et al., 2012;
Foolen et al., 2014). Anisotropy of mechanical resistance occurs when cells are seeded
on a substrate with anisotropic stiffness or residing in a uniaxially constrained gel. In
this case, stress fibers remodel in the stiffest direction (Saez et al., 2007; Ghibaudo et al.,
2008; Foolen et al., 2012). When a gel is constrained and cyclically strained in the same
direction, the effects of strain anisotropy and anisotropy of mechanical resistance are in
competition. It has been shown (Foolen et al., 2012; Obbink-Huizer et al., 2014b) that
the anisotropy of mechanical resistance has often a larger influence in this case, such
that cells orient along the constrained direction.

Several computational models have been proposed to simulate the process of stress
fiber remodeling in response to mechanical stimuli (Deshpande et al., 2006; Kaunas and
Hsu, 2009; Zemel et al., 2010; Vernerey and Farsad, 2011; Obbink-Huizer et al., 2014b).
Deshpande and colleagues developed a computational model that can predict the effects
of strain anisotropy and anisotropy of mechanical resistance when separately considered
(Deshpande et al., 2006; Wei et al., 2008). However, this computational model is in-
accurate when the effects of strain anisotropy and anisotropy of mechanical resistance
are competing. In 2014, Obbink-Huizer et al. (2014b) proposed a computational model
capable of overcoming these limitations.
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Recently, Loerakker et al. (2014) have used Obbink-Huizer’s computational model to
investigate the influence of the stress fibers on collagen fiber remodeling when static me-
chanical stimuli are applied to engineered tissues. The computational simulations were
able to predict the collagen organization observed in several experiments. However,
the direct numerical integration of the constitutive model for stress fiber development
and the calculation of the effects of complex loading profiles on the tissue would lead
to excessive computational times in case of dynamic loading conditions. As a result,
simulations of soft tissue in vivo remodeling in the case of cyclic strain would not be
practically feasible.

Obbink-Huizer et al. (2014b) have modeled the remodeling process of stress fibers
using evolution laws which can be described with a system of ordinary differential equa-
tions (ODEs). This system has constant coefficients in case of static mechanical condi-
tions, and periodic coefficients with cyclic loading. While it is possible to determine an
analytical solution for constant coefficients, this is not achievable when the coefficients
are periodic. In this paper, we provide an analytical approximation for the asymptotic
solution of the analyzed system. Furthermore, we propose a strategy to accelerate the
computational simulation of stress fiber remodeling. For verification, the simulations
presented in the prior study (Obbink-Huizer et al., 2014b) have been repeated using the
approximation and direct numerical integration. The results show that the developed
strategy drastically reduces the computational costs of the integration of the compu-
tational model for stress fiber remodeling. Therefore, the new method will enable the
simulations of tissue remodeling under cyclic strain. Moreover, the approach can be gen-
eralized and applied to other computational simulations involving ODEs with periodic
coefficients.

2.2 Methods

2.2.1 The computational model proposed by Obbink-Huizer et al.
(2014b)

Recently, Obbink-Huizer et al. (2014b) have published a computational model able to
predict the stress fiber distribution in response to the effects of strain avoidance and
anisotropy of mechanical resistance. The model was developed considering phenomeno-
logical hypotheses for stress fiber remodeling. Briefly, cells were assumed to exert stress
onto their surroundings. The value of this stress was a homogenization of the product
between the stress fiber stress σpθ , and the stress fiber volume fraction Φpθ over the N
considered directions:

σcell =
1

N

∑
θ

Φpθσ
p
θeθeθ, (2.1)

where eθ is the stress fiber orientation in the current state (deformed configuration).The
magnitude of the stress fiber stress along one singular direction was determined with a
Hill-type contraction law, dependent on the global Green-Lagrange strain εθ and strain
rate ε̇θ in that direction:

σpθ = σmaxfε(εθ)fε̇(ε̇θ), (2.2)
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where σmax is the maximal stress fiber stress, while fε(εθ) and fε̇(ε̇θ) are functions
depending on the strain and strain rate in the direction θ. In particular, fε̇ is a positive
increasing function:

fε̇(ε̇θ) =
1

1 + 2√
5

(
1 +

kv ε̇θ + 2√
(kv ε̇θ + 2)2 + 1

)
, (2.3)

with kv a positive parameter. fε is a function composed of an active and a passive
part, namely fε,a and fε,p, which are respectively a gaussian function and a piecewise
parabolic function:

fε(εθ) = fε,a(εθ) + fε,p(εθ); (2.4)

fε,a(εθ) = exp

[
−
(
εθ
ε0

)2
]

; (2.5)

fε,p(εθ) =


0 if ε < 0,(
εθ
ε1

)2

if ε ≥ 0,

(2.6)

where ε0 and ε1 are positive parameters.
Concerning the evolution law for stress fiber remodeling, the depolymerization was

assumed to be isotropic, while the synthesis of stress fibers was hypothesized to be
dependent on the product between fε,a and fε̇:

dΦpθ
dt

= (kf0 + kf1σmaxfε,afε̇)Φ
m − kdΦpθ, (2.7)

where Φm is the amount of monomeric actin and kf0 , k
f
1 , and kd are positive constants.

The last equation present in the model is a conservation law of actin mass, which relates
Φm with the polymerized actin:

Φtot = Φm +
1

N

∑
θ

Φpθ, (2.8)

where Φtot is a positive constant representing the total actin volume fraction.
With these features, the described computational model was able to predict the stress

fiber alignment in numerous experiments, as presented in Obbink-Huizer et al. (2014b).
However, the resolution of system (2.7) by means of direct numerical integration re-
quires high computational costs when the stress fibers are subjected to cyclic strain.
This limitation has restrained the application of the proposed model for more complex
simulations. We propose an analytical approximation for the asymptotic solution of
system (2.7) which will be used to accelerate the computational simulations.
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2.2.2 Approximation for the asymptotic solution of a system of ODEs
with periodic coefficients

Consider the following system of ODEs of dimension n ∈ N:

ẋ(t) = f(t)x(t) + g(t), (2.9)

with x : R→ Rn a solution of the system and f : R→ Rn×n, g : R→ Rn known periodic
functions of period T ∈ R+ having the following properties:

(I) the asymptotic solution x∞(t) of the system is periodic with period T ;

(II) either f(t) or x∞(t) is almost constant;

(III) f̄ =
1

T

∫ T

0

f(t)dt is an invertible matrix.

In that case, the asymptotic solution can be approximated by

x̄∞ =
1

T

∫ T

0

x∞(t)dt. (2.10)

To approximate x̄∞, we can substitute x∞(t) into (2.9) and then integrate this equation
between 0 and T , dividing by T . Then, the left-hand side of the obtained equation is
zero due to the property (I), while on the right-hand side 1

T

∫ T
0
f(t)x∞(t)dt ≈ f̄ x̄∞

because of the property (II). At this point, using property (III), we can obtain:

x̄∞ ≈ −f̄−1ḡ. (2.11)

Example

As a simple example, let’s consider

ẋ+ x = a+ b cos2(t), (2.12)

with x : R→ R and a, b ∈ R constant. In this case our method gives

x̄∞ ≈ a+
b

2
, (2.13)

while the analytical solution is

x∞(t) = a+
b

2
+
b

5
sin(2t) +

b

10
cos(2t). (2.14)

Concluding, our method is able to capture the mean value of the asymptotic solution,
while neglecting its oscillations. The oscillations of the asymptotic solution of (2.7) are
expected to be relatively small, so this method seems very suitable for approximating
the solution of this system of ODEs.
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2.2.3 Approximation for the asymptotic solution of system (2.7)

ForN = 1, when the strain sensed by the stress fibers εθ is periodic over time with period
T (or constant), the asymptotic solution of system (2.7) tends to a function which has
the same period and is slightly oscillating around a constant value (see Appendix A). We
assumed this to be true also for higher values of N . We hypothesized that

for t→ +∞, Φpθ → Φ̃pθ(t) for all θ, (2.15)

where Φ̃pθ are periodic functions with period T and slightly oscillating around constant
values. Subsequently, approximating the asymptotic value of Φpθ was achievable by using
the mean value of Φ̃pθ over its period:

lim
t→+∞

Φpθ ≈
1

T

∫ T

0

Φ̃pθdt. (2.16)

To obtain an analytical expression for this value depending on the profile of the strain,
other identities and approximations were necessary. First of all, another identity fol-
lowed from (2.15) and the periodicity of Φ̃pθ:

lim
t→+∞

∫ t+T

t

dΦpθ
dt

dt =

∫ T

0

dΦ̃pθ
dt

dt = 0. (2.17)

Moreover, using (2.15) and (2.16), and observing that fε,a and fε̇ are periodic in case
of periodic strain, the following approximation was possible:

lim
t→+∞

1

T

∫ t+T

t

(
kf0 + kf1σmaxfε,afε̇

)
Φpθdt ≈

1

T 2

∫ T

0

Φ̃pθdt

∫ T

0

(
kf0 + kf1σmaxfε,afε̇

)
dt.

(2.18)

Finally, an analytical expression for (2.16) was obtained by substituting (2.8) in (2.7),
integrating the resulting system of ODEs between t and t + T for t → +∞ using the
properties (2.17) and (2.18), and solving the subsequent algebraic system with un-
known variables 1

T

∫ T
0

Φ̃pθdt. As a result, we were able to approximate the asymptotic
solution of the system of ODEs (2.7) with the quantity

lim
t→+∞

Φpθ ≈
1

T

∫ T

0

Φ̃pθdt ≈
āθ∑

α
āα
N + kd

Φtot, (2.19)

where α, the variable in the summation, is covering all the considered stress fiber direc-
tions, and

āθ =
1

T

∫ T

0

(
kf0 + kf1σmaxfε,a(εθ)fε̇(ε̇θ)

)
dt (2.20)

are auxiliary constants.
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2.2.4 Approach for the computational simulation

Both the direct numerical integration of the ODE system (2.7), and the application of
the dynamic mechanical loads are computationally too expensive to simulate weeks
of tissue remodeling. To overcome these limitations, we focused on the asymptotic
solution of system (2.7). The stress fiber remodeling is much faster than the collagen
remodeling; thus, to account for the effects of the stress fiber orientation on the collagen
remodeling, the final stress fiber configuration is more important than its evolution over
time. However, completely eliminating the applied dynamic mechanical loads was not
possible. When the deformation changes, the strain profile sensed by the cells is different
and this modification influences the system (2.7). Therefore, knowing how the strains
vary over the load cycle is necessary. We included these variations in the stress fiber
remodeling algorithm using the coefficients (2.20) (and consequently (2.19)). Thus,
we reduced the number of applied dynamic mechanical loads to the minimum value
necessary to approximate the auxiliary constants defined using (2.20). For the rest of
the remodeling period, the current maximum load was applied.

The following approach was thus developed:

• the dynamic mechanical loads were only applied every M ∈ N cycles;

• in the remainder of the simulation, the dynamic loads were substituted with a
constant mechanical load equal to the current maximum value of the dynamic
load, while the dynamic features were used only for the calculation of (2.20) and
subsequently (2.19);

• the current stress fiber volume fractions were updated assuming that they evolve
towards preferred values Φpθ,P defined using (2.19) as

Φpθ,P :=
āθ∑

α
aα
N + kd

Φtot, (2.21)

where the constants āθ were calculated using (2.20) at the current configuration,
and therefore

dΦpθ
dt

=
1

τ

(
Φpθ,P − Φpθ

)
, (2.22)

with τ a parameter representing the stress fiber remodeling rate.

2.2.5 Assessment

To assess the quality of the analytical approximation, the derived computational method
was used to simulate the stress fiber remodeling process inside cells residing in three
kinds of mechanical environments: having stiffness anisotropy; undergoing cyclic strain
with isotropic high stiffness; and again undergoing cyclic strain, but with low stiffness
and uniaxially constrained. These simulations were then repeated using the direct nu-
merical integration method used in Obbink-Huizer et al. (2014b). Finally, the results
and computational times were compared.

Except for the derivation of the solution of system (2.7) and the application of the
dynamic stimuli, the two computational simulation methods were identical; they were



24 Efficient computational simulation of actin stress fiber remodeling

performed with the same boundary conditions and material parameters reported in
Obbink-Huizer et al. (2014b). The main characteristics are reported below.

For the implementation of the material behavior, we used the user subroutine UMAT
of the commercial finite element package ABAQUS (Dassault Systèmes Simulia Corp.,
Providence, RI, USA). A 2D situation was considered in all cases, and cells were assumed
to sense the same strain of the substrate. Thus, they were sharing the same mesh of the
substrate composed of Nel hexahedral elements (C3D8).

The substrate was described as a Neo-Hookean compressible material:

σNH =

[
ENH

3(1− 2ν)

ln(J)

J
I +

ENH
2(1 + ν)J

(FF T − J2/3I)

]
, (2.23)

where σNH is the Cauchy stress in the substrate, F is the deformation tensor with
determinant J = det(F ), and finally ENH and ν are respectively the Young’s modulus
and the Poisson’s ratio of the substrate. For the simulations of the substrate having
anisotropic stiffness, the substrate was reinforced with additional fibers, such that the
total substrate stress σsub was

σsub = σNH + Efλfefef , (2.24)

with Ef the fiber stiffness, λf the fiber stretch, and ef the fiber direction.
The substrate was square-shaped, with a thickness equal to 10% of the other two

dimensions. No stretch was applied to the substrate with anisotropic stiffness, while
the loading shape of the dynamic mechanical stimuli present in the other two types of
simulations is shown in Fig. 2.1. In addition, symmetry conditions were prescribed in
every simulation. The values of the parameters used for the substrate material, and
the ones for the stress fiber model are reported in Tables 2.1 and 2.2, respectively. The
computational simulations were performed assuming that no stress fibers were present
at the beginning, and their remodeling was calculated for a time period of t = 10000
s. Finally, to account for the change in density of the discrete fibers in the deformed
tissue, the fiber volume fraction in each direction was multiplied by the ratio of the un-
deformed angle between its two neighboring directions to the corresponding deformed
angle (Obbink-Huizer et al., 2014b).

complete load history

applied load in approximation

. . .

load cycle to update

minimum strains

. . .

. . .

. . .

A

T=1/f

d

d

Figure 2.1: Cyclic loading profile, adapted from Obbink-Huizer et al. (2014b)
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Table 2.1: Parameters for the mechanical models

Simulation Nel ENH Ef µ f A d

3.3 kPa 4 3.3 kPa 6.6 kPa 0.4 - - -
13 kPa 4 13 kPa 26 kPa 0.4 - - -
5 MPa 4 5 MPa 10 MPa 0.4 - - -
1a 4 1 MPa - 0.19 0.01 Hz 0.1 0 s
1b 4 1 MPa - 0.19 0.1 Hz 0.1 0 s
1c 4 1 MPa - 0.19 1 Hz 0.1 0 s
2a 4 1 MPa - 0.15 0.052 Hz 0.049 3 s
2b 4 1 MPa - 0.15 0.034 Hz 0.084 3 s
2c 4 1 MPa - 0.15 0.009 Hz 0.32 3 s
microtissue 145 10 kPa - 0.4 0.5 Hz 0.1 0 s

Table 2.2: Parameters for the stress fiber model

N 20
Φtot 5.0e−2

σmax 2.0e+5 Pa
ε0 1.2e−1

ε1 1.7e−1

kv 5.0e+1 s
kf0 1.5e−6 s−1

kf1 7.00e−7 s−1Pa−1

kd 1.00e−3 s−1

2.3 Results

2.3.1 Anisotropic substrate

Experimental studies have demonstrated that cells on anisotropic substrates orient along
the stiffest direction (Saez et al., 2007; Ghibaudo et al., 2008). This alignment is more
evident with decreasing absolute stiffness. The computational model of Obbink-Huizer
et al. (2014b) is able to capture these characteristics. As shown in Fig. 2.2, the an-
alytical approximation perfectly replicated the results obtained using direct numerical
integration. This result is particularly evident in the bottom graphs of Fig. 2.2, which
shows that the results are equal in all fiber directions.

2.3.2 Cyclic strain applied to a high stiffness substrate

On a high stiffness substrate subjected to a cyclic strain of various amplitudes and fre-
quencies, stress fibers remodel to avoid the strain and align perpendicular to the di-
rection of cyclic strain (Kaunas et al., 2005; Tondon et al., 2012). Fig. 2.3 compares
the results of the simulations of this phenomenon. For every case, the analytical ap-
proximation gave predictions very similar to the direct numerical integration. For low
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Figure 2.2: Stress fiber distribution for cells cultured on a substrate with varying values of sub-
strate and horizontal reinforcing fiber stiffness (ENH and Ef respectively). On top of
each figure, there are the values of ENH , while Ef = 2ENH in every case. The results
are obtained using direct numerical integration (top, and black on the bottom) and
the analytical approximation (center, and blue on the bottom). In the top and central
figures, the length of the lines in each direction is proportional to the associated stress
fiber volume fraction.

frequencies (Fig. 2.3 (1a) and (1b)) and low amplitudes (Fig. 2.3 (2a) and (2b)), the
predicted stress fibers distributions were approximately the same. Larger differences
were visible with increasing frequency (Fig. 2.3 (1c)) or amplitude (Fig. 2.3 (2c)). Nev-
ertheless, even when the differences were quantitatively larger (Fig. 2.3, bottom), the
results were still qualitatively similar.

2.3.3 Cyclic strain applied to a low stiffness environment

Finally, cells embedded in a uniaxially constrained collagen gel exposed to cyclic strain
were simulated. In the experiments, despite the cyclic strain, the stress fibers aligned
parallel to the direction of this mechanical stimulus (Foolen et al., 2012; Obbink-Huizer
et al., 2014b). In addition to the equilibrium stress fiber distribution, the deformation
of the tissue resulting from the two simulations was obtained. As can be seen from Fig.
2.4, the deformed configurations were very similar. Concerning the stress fiber volume
fractions, compared to the previous simulations (Fig. 2.2 and 2.3), larger dissimilarities
were visible between the two methods (Fig. 2.5, bottom). However, the main orien-
tation of the actin stress fibers was successfully estimated for every location using the
analytical approximation (Fig. 2.5, top and center).
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Figure 2.3: Stress fiber distribution for cells cultured on a high stiffness substrate cyclically
strained using several frequencies and amplitudes (Table 2.1). The direction of the
strain is horizontal. The results were obtained using direct numerical integration (top,
and black on the bottom) and the analytical approximation (center, and blue on the
bottom). In the top and central figures, the length of the lines in each direction is
proportional to the associated stress fiber volume fraction.

2.3.4 Comparison of the computational times

As illustrated in Fig. 2.6, the analytical approximation was computationally less ex-
pensive for every simulation. The computational time necessary to run the simulations
with direct numerical integration strongly increased when increasing the frequency or
amplitude of the applied cyclic strain. Interestingly, using the analytical approximation,
this behavior was no longer observed; the computational time remained almost constant
when the frequency and amplitude of the stretch were changed. As a result, as can be
seen observing Fig. 2.7, the proposed strategy was particularly more efficient in case
of large amplitudes and frequencies of strain, as well as complex deformations. For in-
stance, the microtissue simulation took slightly less than 19 h with the direct numerical
integration scheme (67960 s), and only 256 s using the approach with the analytical
approximation.

2.4 Discussion

The purpose of this study was to develop an approach to efficiently predict actin stress
fiber remodeling by means of computational simulations. The model proposed by Obbink-
Huizer et al. (2014b) is able to predict the stress fiber alignment for a range of exper-
imental conditions. Thus, we chose to analyze this computational model and to de-
termine a method to accelerate the related computational simulations. The asymptotic
solution of the ODE system which describes the stress fiber evolution was analytically
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Figure 2.4: Equilibrium configuration of the deformed tissue resulting from the simulations of
cells embedded in an environment with low stiffness, cyclically strained in the hori-
zontal direction at an amplitude of 10% and a frequency of 0.5 Hz. The black color
highlights the elements chosen to compare the local stress fiber distributions shown in
Fig. 2.5.

approximated. Then, an approach to benefit from this approximation was derived, such
that the final outcome of the simulations can be obtained without applying the complete
dynamic deformation profile over time.

To assess the quality of the proposed approach, the same computational simulations
reported in Obbink-Huizer et al. (2014b) were performed using direct numerical integra-
tion and the analytical approximation. Then, the results and computational times were
compared. In particular, actin stress fiber remodeling was simulated for cells seeded on
an anisotropic substrate and on a uniaxially stretched isotropic substrate, and then for
cells embedded in a gel uniaxially constrained and stretched.

The predicted main SF alignment was similar when the analytical approximation
was used instead of direct numerical integration. In particular, the results of the two
methods were identical when simulations of tissue remodeling under static conditions
were performed (Fig. 2.2). An explanation for this is that, in the absence of dynamic
mechanical stimuli, the system (2.7) has constant coefficients and, as a consequence,
the approximation (2.19) becomes an exact solution. Conversely, the outcomes differed
slightly when a cyclic strain was applied to the tissue. In particular, the dissimilari-
ties increased when increasing the strain frequency, strain amplitude, or decreasing the
stiffness (Fig. 2.3 and 2.5). All the three changes involve larger deformations, so this
phenomenon underlines a correlation between the deformation of the tissue and the
quality of the approximation; more deformation corresponds to larger differences be-
tween direct numerical integration and analytical approximation. These discrepancies
may be due to a propagation of approximations. On the one hand, the constants āθ used
to compute the preferred value Φpθ,P (respectively defined in (2.20) and (2.21)) were
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Figure 2.5: Stress fibers distribution for cells cultured on a low stiffness substrate cyclically
strained at an amplitude of 10% and a frequency of 0.5 Hz. The direction of the
strain is horizontal. The results were obtained using direct numerical integration (top,
and black on the bottom) and the analytical approximation (center, and blue on the
bottom). In the top and central figures, the length of the lines in each direction is
proportional to the associated stress fiber volume fraction.

calculated by means of the profile of the strain sensed by the cells, which was obtained
using the deformation. On the other hand, the deformations depended on the stress
fiber stress which was influenced by the stress fiber organization and, therefore, by the
constants āθ.

In conclusion, as expected, the proposed method does not provide a perfect solution
of the ODE system (2.7), but an approximation. However, the discrepancies between
the two computational approaches are much smaller than the experimentally observed
variations (Saez et al., 2007; Ghibaudo et al., 2008; Kaunas and Hsu, 2009; Foolen et al.,
2012). Consequently, the inaccuracy of the herein proposed method is acceptable.

Most importantly, for every simulation, the proposed approach is faster than the di-
rect numerical integration. Interestingly, as shown in Fig. 2.7, larger dissimilarities
between the two computational algorithms correspond to larger advantages in terms
of computational times. Fig. 2.6 suggests that this phenomenon may be again related
to the deformation magnitudes. Larger deformations lead to increased computational
costs. Our approach was relatively unaffected by this process because we used a small
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Figure 2.6: Comparison of the computational times necessary for the simulations.

Figure 2.7: Comparison of the computational times necessary for the simulations.

number of loading cycles. This explanation is supported by the results shown in Fig. 2.6.
In fact, for the simulation of cells seeded on a uniaxially stretched isotropic substrate,
the computational time varied with the frequency and amplitude of the strain when
direct numerical integration was used, while it was constant for the analytical approx-
imation. Therefore, our approach overcomes the limitations related to the application
of the dynamic mechanical stimuli, even if the inclusion of some loading cycles was still
needed due to the calculations of the auxiliary constants āθ.

The proposed strategy can be generalized and inserted in the context of numerical
methods for the resolution of ODEs that have solutions with high frequencies (Petzold,
1981; Petzold et al., 1997; Hairer et al., 2006). However, while these numerical methods
are able to capture the slow oscillations of the solutions neglecting the fast oscillations,
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our method approximates the average value of the solutions and neglects all the oscilla-
tions. Therefore, it is suitable to solve problems only when a slightly constant solution
is expected. This is the case of ODEs describing the process of SF remodeling, as these
fibers are expected to reach a homeostatic configuration. Concerning the point of view
of computational efficiency, further numerical analysis is necessary to compare the pro-
posed strategy to other numerical methods. Regarding the analytical approximation, a
similar approach was previously used by Wei et al. (2008) to approximate the compu-
tational model of Deshpande et al. (2006) for stress fiber remodeling. However, this
approximation was applied only to a single ODE and not generalized for a system of
ODEs. Furthermore, in our study, the approximation led to the development of a nu-
merical method suitable for finite element simulations where the profiles of strain and
strain rate can slightly vary over time.

In summary, the previously shown results demonstrate that the new approach pro-
vides efficient computational simulations of stress fiber remodeling. This result may
have major consequences for future research on predicting tissue remodeling. In fact,
not only are these findings advantageous for stress fiber remodeling simulations, but
they also open to the possibility to computationally investigate the long term effects of
collagen remodeling on soft tissues and to include the effects of dynamic loading condi-
tions. Moreover, the numerical method derived in this research can be generalized, and
it is applicable to other ODE systems of first order with periodic coefficients.





Chapter 3

Modeling the combined effects
of collagen and cyclic strain on
cellular orientation in
collagenous tissues

Adherent cells are generally able to reorient in response to cyclic strain. In three-
dimensional tissues, however, extracellular collagen can affect this cellular response.
Previous computational models cannot predict this cellular behaviour because they
do not consider the combined effects of collagen and mechanical stimuli on cellular
(re)orientation. To overcome this limitation, we extended a recently proposed com-
putational model (which only accounts for mechanical stimuli) by considering two hy-
potheses on how collagen influences cellular (re)orientation: collagen contributes to cell
alignment by providing topographical cues (contact guidance); or collagen causes a spa-
tial obstruction for cellular reorientation (steric hindrance). In addition, we developed
an evolution law to predict cell-induced collagen realignment. The hypotheses were
tested by simulating bi- or uniaxially constrained cell-populated collagen gels with dif-
ferent collagen densities, subjected to immediate or delayed uniaxial cyclic strain with
varying strain amplitudes. The simulation outcomes are in agreement with previous ex-
perimental reports, and identify new experimental conditions that can provide valuable
information about the dominant mechanism behind collagen’s effect on cellular reori-
entation. Taken together, our computational approach is a promising tool to understand
and predict the remodeling of collagenous tissues, such as native or tissue-engineered
arteries and heart valves.

This chapter is based on:
T. Ristori, T.M.W. Notermans, J. Foolen, N.A. Kurniawan, C.V.C. Bouten, F.P.T. Baaijens, S. Loerakker.
Modeling the combined effects of collagen and cyclic strain on cellular orientation in collagenous tissues,
submitted
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3.1 Introduction

Cellular orientation greatly influences the in vivo mechanical properties and functional-
ity of soft tissues, such as arteries and heart valves. In fact, primarily along their main
direction, cells exert traction forces (Ghibaudo et al., 2008) capable of deforming soft
tissues, and they secrete collagen (Sawhney and Howard, 2002; Wang et al., 2003; Mat-
sugaki et al., 2013), which is the main load-bearing component of most of these tissues.
Therefore, predicting and understanding cellular (re)orientation is of great importance
for understanding soft tissue mechanics and remodeling.

Cells in collagenous tissues can change their orientation in response to a wide range
of stimuli (Sears and Kaunas, 2016; Tamiello et al., 2016). For example, Guido and Tran-
quillo (1993) have demonstrated that cells tend to align along the topographical cues
provided by collagen, a phenomenon known as contact guidance (Weiss, 1945). Numer-
ous studies have also shown that cells seeded in differentially constrained collagenous
constructs align in the direction of the constraints, as a result of stiffness anisotropy
(Huang et al., 1993; Thomopoulos et al., 2005; Henshaw et al., 2006; Foolen et al.,
2012, 2017). Finally, it has been observed that cells seeded in biaxially constrained col-
lagenous tissues that are uniaxially and cyclically strained generally align perpendicular
to this mechanical stimulus (Foolen et al., 2012; de Jonge et al., 2013; Foolen et al.,
2014). However, extracellular collagen fibers can affect the reorientation potential of
cells in response to cyclic strain, a phenomenon that depends on the density of collagen,
as shown by Foolen and colleagues (Foolen et al., 2012, 2014). In their studies, they
analysed biaxially constrained cell-populated collagen gels that were statically cultured
for 3 days followed by 3 days of uniaxial cyclical strain, and they demonstrated that cells
in the inner layer of the tissues could reorient perpendicular to cyclic strain only in case
of a relatively low collagen seeding density (0.45 mg/mL), while they did not reorient
in relatively high-density collagen gels (1.5 mg/mL). The mechanisms responsible for
these outcomes are not fully understood yet and further studies are therefore needed.

In this context, computational models are a valuable tool because of their pre-
dictive potential and efficiency in testing hypotheses. Several models to predict the
(re)orientation of adherent cells have been proposed (Barocas and Tranquillo, 1997;
Olsen et al., 1999; Bischofs and Schwarz, 2003; Zemel et al., 2006; Kroon, 2010; Lee
et al., 2012; Livne et al., 2014; Heck et al., 2015; Laurent et al., 2017; Tepole, 2017)
but, to our knowledge, currently none of them considers the interaction of both col-
lagen and mechanical stimuli with cellular reorientation. For example, Barocas and
Tranquillo (1997) have developed a theoretical model able to explain the remodeling
of collagenous tissues under static conditions and predict the resulting cellular orienta-
tion (Ohsumi et al., 2008; Sander et al., 2011). Similar to other studies (Olsen et al.,
1999; Heck et al., 2015; Tepole, 2017), they assumed that cells coalign with collagen
because of contact guidance, irrespective of other mechanical cues. Nonetheless, the
stimuli provided by cyclic strain can overrule the effects of collagen (Foolen et al., 2012;
de Jonge et al., 2013; Foolen et al., 2014). Recently, Obbink-Huizer et al. (2014b) have
developed a computational model for cellular reorientation in response to mechanical
stimuli, built upon the frameworks of Deshpande et al. (2006) and Vernerey and Farsad
(2011). This computational model is based on the assumption that cells coalign with
their stress fibers (SFs), which remodel in response to the experienced strain and strain
rate. In addition to explaining SF remodeling of cells on two-dimensional substrates,
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this model can predict cellular alignment in three-dimensional tissues. Yet, it does not
consider the possible influence of collagen on the response of cells to cyclic strain, and
therefore cannot predict and explain cellular reorientation when collagen effects over-
ride mechanical stimuli (Foolen et al., 2012; de Jonge et al., 2013; Foolen et al., 2014).

In this study, to overcome the limitations of previous computational models and im-
prove our understanding of the interplay between cells and collagen, we extended the
model of Obbink-Huizer et al. (2014b) by including the effects that collagen networks
can have on cellular (re)orientation. Two possible hypotheses were considered and im-
plemented separately: collagen contributes to cell alignment by providing topographical
cues (hypothesis of contact guidance, Fig. 3.1A); collagen causes a spatial obstruction
for cellular reorientation (hypothesis of steric hindrance, Fig. 3.1B). In addition, to cap-
ture the reciprocal interactions between cells and the surrounding collagen fibers, we
developed an evolution law for the rearrangement of collagen induced by cellular forces.
In what follows, we first describe the proposed approach to model collagen reorganiza-
tion and the effects that collagen can have on SF remodeling and cellular reorientation.
Then, we test our two hypotheses by simulating the reorganization of cell-populated
collagen gels that were biaxially or uniaxially constrained, and subjected to immediate
or delayed uniaxial cyclic stretch. For a complete overview of the equations used to
simulate the remodeling of these collagen gels, we refer the reader to Appendix B.

Figure 3.1: Scheme of hypotheses (A-B) and functions introduced to model them (C-D). Cells
might not react to cyclic strain because (A) they locally follow the direction of colla-
gen, according to contact guidance, or (B) they do not have space to reorient due to
collagen, according to steric hindrance. (C): Function describing the effects of contact
guidance. (D): Function describing the effects of steric hindrance.
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3.2 Results

3.2.1 Proposed law for the rearrangement of unstable collagen net-
works.

Experimental studies have shown that collagen networks can be susceptible to reor-
ganization driven by cellular forces (Sawhney and Howard, 2002; Kim et al., 2006;
Lakshman et al., 2007; Provenzano et al., 2008; Foolen et al., 2012). Hereafter, we use
the term “unstable” to describe collagen networks that can be rearranged by cellular
forces. For the collagen rearrangement law, we hypothesized that, because of cellular
forces, unstable collagen fibers are reoriented from their original orientation towards
the directions with higher cellular tension. This process was modelled by assuming that
the collagen distribution tends to a preferred one that is equal to the distribution of SF
stresses. That is to say

ϕicf,p∑N
i=1 ϕ

i
cf,p

=
σisf∑N
i=1 σ

i
sf

, (3.1)

where ϕicf,p is the preferred collagen fiber volume fraction along direction i = 1, ...N

(with N the number of fiber directions considered), and σisf denotes the magnitude of
the SF stress along that direction. Furthermore, we assumed that the current collagen
volume fraction ϕicf tends to the preferred ϕicf,p according to the first-order evolution
law

dϕicf
dt

=
1

τcr

(
ϕicf,p − ϕicf

)
, (3.2)

where the parameter τcr characterizes the rate of collagen reorientation.

3.2.2 Extending the evolution law for SF remodeling

The evolution law for SF remodeling proposed by Obbink-Huizer et al. (2014b) can be
written as:

dϕisf
dt

= fmech(εi, ε̇i)ϕm − kdϕisf . (3.3)

Here, ϕisf represents the SF volume fraction along direction i and ϕm the volume frac-
tion of monomeric actin. The function fmech(εi, ε̇i) characterizes the SF formation rate
dependent on the strain εi and strain rate ε̇i experienced by the SFs along the i-th di-
rection (see Appendix B for more details), while kd describes the rate of SF disassembly.
In the present study, Eq. (3.3) was extended with the inclusion of the effects that sta-
ble and high-density collagen networks can have on SF remodeling. The enhancements
were based on the two aforementioned hypotheses, which were implemented separately
and are treated below.

The first hypothesis, contact guidance, is motivated by experimental studies that
have shown that cells are able to respond to topographical cues by (re)adjusting their
orientation. For example, it has been observed that cells cultured on microgrooved sub-
strates tend to align along the direction of these grooves (den Braber et al., 1996; Lamers
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et al., 2010; Vigliotti et al., 2015) and that these patterns can restrict the reorientation
capacity of cells in response to cyclic strain (Prodanov et al., 2010; Wang and Grood,
2000). Collagen seems to provide cells with analogous stimuli (Guido and Tranquillo,
1993; de Jonge et al., 2013; Friedrichs et al., 2007; Chaubaroux et al., 2015). There-
fore, we hypothesized that collagen provides cells with topographical cues, such that
SFs tend to align along directions with higher collagen densities (Fig. 3.1A). To model
this phenomenon, we adapted Eq. (3.3) by assuming that higher collagen volume frac-
tions along specific directions induce more SF formation. In particular, we described SF
remodeling as

dϕisf
dt

=
(
fmech(εi, ε̇i) + fcg(ϕ

i
cf )
)
ϕm − kdϕisf , (3.4)

where

fcg(ϕ
i
cf ) = gcg

1− h1

exp
(
h2ϕicf

)
+ h1 − 1

 (3.5)

is a monotonically increasing function dependent on ϕicf that describes the increase of
SF formation for increasing collagen content along the i-th direction (Fig. 3.1C). In Eq.
(3.5), gcg represents the maximum effect of contact guidance on SF remodeling, while
h1 and h2 are parameters characterizing the inflection point and the associated slope of
the function fcg. The inflection point is inversely proportional with h2 and it increases
with increasing values of h1. On the other hand, the slope is directly proportional with
h2 and it decreases for increasing values of h1.

The second hypothesis, steric hindrance, is motivated by experimental studies that
have highlighted that high-density collagen environments can constitute a spatial ob-
struction for cell migration (Wolf et al., 2003, 2013; Lang et al., 2015). We propose that
a similar mechanism occurs with respect to cellular reorientation and SF remodeling,
such that the SF remodeling potential decreases with increasing collagen density and
is completely inhibited when a certain threshold density is exceeded (Fig. 3.1B). This
mechanism was modeled by multiplying the term at the right-hand side of Eq. (3.3) with
a monotonically decreasing function that depends on the total collagen volume fraction
φcf (Fig. 3.1D). Specifically, considering the effects of steric hindrance without contact
guidance, SF remodeling is described by

dϕisf
dt

=
(
fmech(εi, ε̇i)ϕm − kdϕisf

)
fsh(φcf ), (3.6)

with

fsh(φcf ) =

{
1− gshφcf , if φcf < 1/gsh,

0, if φcf ≥ 1/gsh.
(3.7)

Here, the parameter gsh describes the decrease of the rate of SF remodeling for increas-
ing total collagen volume fraction.
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3.2.3 Simulation of biaxially constrained cell-seeded collagen gels
undergoing uniaxial cyclic stretch.

To test the proposed hypotheses, we simulated the remodeling of biaxially constrained
cell-populated collagen gels cultured for 6 days, undergoing immediate or delayed (for 3
days) uniaxial cyclic stretch, and we compared the computational results with previous
experimental reports (Foolen et al., 2012, 2014). For these tissues, we assumed that
collagen networks are unstable during the first 3 days and, due to instability, during
this period they can be rearranged by cellular forces but they cannot influence cellular
orientation via contact guidance or steric hindrance. Nevertheless, collagen networks
in collagen gels become stable over time due to non-covalent interactions (Guidry and
Grinnell, 1987) and cellular entanglement (Jiang et al., 2005). For these simulations,
the collagen network organization was assumed to reach a stable configuration after 3
days of remodeling. Thus, from day 3 on, collagen networks provide cells with contact
guidance or steric hindrance, and they cannot be further reorganized.

Fig. 3.2 shows SF and collagen orientation after the first 3 days of culture, when
the effects of contact guidance and steric hindrance are still absent, under different
magnitudes of uniaxial cyclic stretch (0%–15%). The simulations predicted that collagen
fibers and SFs have an isotropic distribution under static conditions (no external strain
applied, Fig. 3.2A and 3.2E). With uniaxial cyclic strain, due to the absence of collagen
effects on cellular orientation, SFs can freely reorient perpendicular to this mechanical
stimulus, as governed by Eq. (3.3), with the level of anisotropy increasing with the cyclic
stretch magnitude (Figs. 3.2B-D). As cells remodel their cytoskeleton, they exert traction
forces and thereby rearrange the collagen network surrounding them. This was well
captured by the evolution law for collagen reorientation (Figs. 3.2F-H), which predicted
a collagen fiber orientation perpendicular to the mechanical stimuli, in agreement with
experiments (Foolen et al., 2012).

Next, we tested the hypotheses by simulating 6 days of culture, with either immedi-
ate or delayed cyclic straining (Fig. 3.3). For these simulations, the parameter values
gcg = 2 s−1, h1 = 500, and h2 = 300 were used for Eq. (3.5), gsh = 2 for Eq. (3.7),
and the remaining parameters were chosen following previous studies (Table B.1 in Ap-
pendix B). When cyclic stretch was applied immediately after seeding (Fig. 3.3A-L),
collagen did not have significant effects on SF orientation, and both proposed models
predicted a SF organization perpendicular to cyclic strain, with increasing degree of
anisotropy for increasing strain amplitude. In case of contact guidance, this is because
the topographical cues provided by the anisotropic collagen architecture predicted for
the first 3 days (Figs. 3.2F-H) were not in competition with the mechanical stimuli and
actually slightly enhanced the anisotropy of the SF organization, both for low and high
collagen densities, as can be seen by comparing Figs. 3.2B-D with Fig. 3.3A-F. In case
of steric hindrance, we hypothesized that higher densities of collagen slow down the SF
remodeling (Eq. (3.6)), but the equilibrium SF configuration was already reached after
3 days (when no collagen effects were present) and in case of 6 days of immediate cyclic
strain cells were always subjected to the same mechanical stimuli. Thus, slowing down
SF remodeling did not have significant effects (compare Figs. 3.2B-D with Fig. 3.3G-L).

When uniaxial cyclic strain was applied after 3 days of static constraint, cells were
exposed to a different mechanical environment compared to the first period that had
resulted in an isotropic distribution (Fig. 3.2A). For low collagen density (Fig. 3.3M-O
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Figure 3.2: Computational prediction of SF and collagen fiber distributions in biaxially con-
strained collagen gels cultured for 3 days. The computational simulations predicted
that the degree of anisotropy of the SF (A-D) and collagen (E-H) distributions is pro-
portional to the amplitude of the horizontally applied cyclic stretch (increasing from
left to right). In particular, the distributions are isotropic in case of static constraint
(0% stretch, A and E) and increasingly aligned perpendicular to the applied cyclic
stretch (B-C and F-H) for increasing stretch amplitudes (5%, 10%, and 15%, reported
on top of the graphs). The length of the lines is proportional to the amount of SFs or
collagen along that particular direction

and 3.3S-U), the simulations performed with both extended models predicted that cells
can respond to this change by aligning perpendicular to the strain, with the degree of
anisotropy increasing with the strain amplitude. Conversely, when the collagen density
is relatively high (Fig. 3.3P-R and 3.3V-X), both computational models predicted that
cells are not able to respond to the change of mechanical stimulation, and the SF ori-
entation remains isotropic. The predicted distributions have different explanations. On
the one hand, with contact guidance, SFs do not respond to mechanical stimuli because
these cues are dominated by the topographical stimuli provided by the high-density col-
lagen network, which is isotropic (Fig. 3.2A). On the other hand, with steric hindrance,
SFs cannot respond to mechanical stimuli because their remodeling is inhibited due to
lack of space. Therefore, the configuration after 6 days is the same as the configuration
after 3 days.

3.2.4 Comparison with previous experimental results.

To compare the computational predictions with the previous experimental results (when
available), each SF distribution was quantified with the order parameter used in Foolen
et al. (2014):

Osf =

∫ π/2
−π/2 ϕsf (γ) cos(2γ)dγ∫ π/2

−π/2 ϕsf (γ)dγ
, (3.8)
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Figure 3.3: Computational prediction of SF distributions for biaxially constrained collagen gels
after 6 days of culture. The tissues were cyclically stretched immediately (A-L), or after
3 days of static constraint (M-X). Tissues with relatively low (A-C, G-I, M-O, S-U) and
high (D-F, J-L, P-R, and V-X) collagen densities were simulated. The cyclic stretch was
horizontal with respect to the figure, with increasing amplitude from left to right. The
computational simulations predicted that SFs align perpendicular to the applied cyclic
stretch in case of immediate stretch (A-L) and in low-density collagen gels (M-O and
S-U). Conversely, SFs are isotropic in high-density collagen gels statically constrained
for 3 days and cyclically stretched for additional 3 days (P-R and V-X).

where ϕsf (γ) is the SF volume fraction oriented at an angle γ from the direction of
applied cyclic strain. The denominator was introduced to normalize this quantity to
get the fiber fraction along an angle γ. This order parameter is equal to +1 when all
SFs are oriented parallel to the strain, −1 when all fibers are aligned perpendicularly,
and 0 for SF distributions symmetric with respect to the angles ±45◦. In addition, to
highlight the effects of the hypotheses of contact guidance and steric hindrance on SF
remodeling, the simulations described in the previous section were repeated with the
original model of Obbink-Huizer et al. (2014b). Fig. 3.4 compares the order param-
eters obtained with the original and extended models, and the experimental results of
Foolen et al. (2014). The graphs confirm that, in case of immediate stretching (Figs.
3.4A-B) or low collagen density (Figs. 3.4A and 3.4C), collagen has no significant ef-
fects on SF remodeling, since the computational results of the extended models (solid
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lines) are qualitatively equivalent to the results of the original model (dashed line). In
addition, it can be observed that the original and extended models are quantitatively
close and qualitatively in agreement with the experimental results (symbols) obtained
for low-density collagen gels with delayed cyclic strain and low collagen density (Fig.
3.4C). In contrast, Fig. 3.4D shows that, for delayed cyclic strain and high collagen den-
sity, the extended models are both qualitatively and quantitatively in agreement with
experiments, while the original model was not able to capture the influence of collagen
on cellular reorientation.

Figure 3.4: The extended models are quantitatively in agreement with previous experimental
data, in contrast to the original model of Obbink-Huizer et al. (2014b) that cannot
predict SF alignment in biaxially constrained high-density collagen gels statically con-
strained for 3 days and cyclically stretched for additional 3 days. The figures show
a comparison of the order parameters of the SF distributions in biaxially constrained
collagen gels, as predicted by the two extended computational models (blue for con-
tact guidance, red for steric hindrance) and the original model of Obbink-Huizer et al.
(2014b) (green), with low (A, C) and high (B, D) collagen densities. When available
in the literature (Foolen et al., 2014), previous experimental results were reported by
showing the mean order parameter and the standard deviation (black).

3.2.5 Sensitivity analysis

Given the similarities of both extended computational models with the experimental re-
sults of biaxially constrained collagen gels subjected to uniaxial cyclic strain after static
constraint, we performed a sensitivity analysis to determine how much of this confor-
mity is dependent on the choice of parameters. The sensitivity analysis for the contact
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guidance hypothesis was executed by changing the chosen parameters according to the
Taguchi method (Taguchi, 1987). Each variation of parameters corresponded to a dif-
ferent SF organization and, consequently, a different value for Osf . Figs. 3.5A-F display
the results of the sensitivity analysis for the model with contact guidance for a 25% and
a 75% variation of the parameters used to obtain the results shown in Figs. 3.2 and 3.3.
In general, the results of the model with contact guidance were qualitatively stable with
respect to parameter variations. Only 14 sets of variations out of 108 modified the com-
putational results such that the associated Osf was not within the experimental range of
results anymore (or vice versa). Among those 14 perturbations, 11 corresponded to the
75% variations. Therefore, the sensitivity analysis indicated that the contact guidance
model is rather insensitive even to relatively large variations of the parameters.

The sensitivity analysis for the model with the steric hindrance hypothesis was per-
formed by sampling the single parameter present in this model and varying its values
between 0.5 and 10. Figs. 3.5G-L show that the computational results were consistent
for all values of this parameter between 2 and 6. Values smaller than 2 led to a steep
increase of anisotropy of the SF organization resulting from the simulations with high
collagen density. Similarly, values larger than 6 caused a modification of the results with
low collagen density towards more isotropic SF organizations.

In conclusion, the results from both models are not significantly affected by relatively
small variations of parameters, while very large variations can lead to computational
results that are not qualitatively in agreement with the experimental ones.

3.2.6 Simulation of uniaxially constrained cell-seeded collagen gels
undergoing uniaxial cyclic stretch.

Given that both models with contact guidance and steric hindrance successfully pre-
dicted the remodeling occurring in biaxially constrained cell-populated collagen gels,
the hypotheses were further tested by simulating cell-seeded collagen gels that were
only uniaxially constrained, and undergoing immediate or delayed (for 3 days) cyclic
strain. The SF and collagen orientations were analyzed in the center of the collagen
gels. Again, due to the assumption that collagen networks are initially unstable and
have negligible effects on SFs, the results of the two computational models after the first
3 days are identical, as reported in Fig. 3.6. From this figure, it is apparent that the
collagen density did not qualitatively influence the SF distributions, even though small
quantitative differences are visible when comparing the results for collagen gels with
relatively low (Figs. 3.6A-H) and high collagen densities (Figs. 3.6I-P). In both cases,
under static conditions, the simulations predicted collagen and SF orientations strongly
aligned towards the direction of the tissue constraint (Figs. 3.6A, 3.6E, 3.6I, and 3.6M).
This occurs because, under these conditions, cells pull on their surroundings causing
compaction of the collagen gel along the unconstrained direction, as shown in Fig. 3.7.
Consequently, the SF stress in the unconstrained direction reduces (Eqs. (B.4)-(B.6)),
thereby biasing the orientation of SFs and collagen in the constrained direction.

Immediate cyclic stretching decreased the degree of alignment of both collagen and
SFs towards the constrained direction, with this decrease dependent on the amplitude of
the applied cyclic stretch (Figs. 3.6B-D, 3.6F-H, 3.6J-L, and 3.6N-P). In these conditions,
SFs tend to avoid both the direction of tissue compaction and the direction of cyclic
strain. As a result, increasing the cyclic stretch amplitude causes a higher alignment of
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Figure 3.5: The simulations with contact guidance or steric hindrance are not significantly af-
fected by relatively small variations of parameters, while very large variations can
lead to computational results not in agreement with experiments. The figure shows
the sensitivity analysis for the order parameter of the SF distributions predicted for
biaxially constrained collagen gels cultured at static constraint for 3 days and un-
dergoing uniaxial cyclic stretch for subsequent 3 days, with the hypotheses of contact
guidance (A-F) and steric hindrance (G-L). In the graphs, the shaded region represents
the range of values centred in the mean (black line) of order parameters observed in
the previous experiments (Foolen et al., 2014), with a band width twice the stan-
dard deviation. The roman numbers used for the graphs for contact guidance (A-F)
correspond to the perturbations characterized in the legends on the right-side.
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Figure 3.6: Computational prediction of SF and collagen distributions predicted for uniaxially con-
strained collagen gels cultured for 3 days. The computational simulations predicted
that the SF and collagen distributions are strongly aligned in the constrained direction
(horizontal direction) in case of static constraint (0% stretch, A, E, I, and M). In case
of external cyclic stretch applied in the constrained direction, the alignment of both
SFs (B-D and J-L) and collagen (F-H and N-P) decreases when the stretch amplitude
increases (from left to right).

Figure 3.7: Initial and deformed configurations of one fourth of the uniaxially constrained colla-
gen gel. Cells pull on their surroundings and, consequently, the collagen gel is con-
tracted along its free direction.
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SFs towards directions in between the compaction direction and the cyclic stretch direc-
tion, eventually leading to a cross-like organization for the maximal stretch amplitude
(Figs. 3.6D and 3.6L). Similar to static conditions, also for dynamic conditions the sim-
ulations predicted that collagen is reoriented until it obtains an architecture comparable
with that of the SFs (Figs. 3.6F-3.6H and 3.6N-3.6P).

Fig. 3.8 shows the computational results for uniaxially constrained collagen gels cul-
tured for 6 days. In this case, some of the predicted SF organizations are cross-like and
this leads to values of Osf not completely repesenting the SF distributions. Therefore,
we decided to show the order parameter only in the Appendix B (supplementary figure
B.1) and focus here directly on the distribution of fiber orientations.

For collagen gels subjected to uniaxial cyclic strain for 6 days, the collagen orienta-
tion (Figs. 3.8AA-AR) was predicted to be very similar to results at day 3 (Figs. 3.6E-
H, 3.6M-P). These similarities can be explained by the fact that the collagen network
was hypothesized to be stable after 3 days, and therefore not subjected to further cell-
induced reorientation after this time-frame. The small differences are caused by the
additional compaction of the collagen gels perpendicular to the tissue constraints occur-
ring during the last 3 days.

Interestingly, the hypotheses of contact guidance and steric hindrance resulted in
qualitatively different SF organizations for uniaxially constrained gels with immediate
cyclic straining. In particular, the model with steric hindrance predicted SF organizations
similar to the ones obtained after 3 days of remodeling, both for low and high collagen
densities. This occurs because cells are subjected to the same mechanical environment
as experienced during the first 3 days, and therefore they conserve their organization,
irrespective of the collagen content. On the other hand, the computational model with
contact guidance predicted that, during the last 3 days of remodeling, collagen provides
cells with topographical cues that enhance the cross-like shaped organization obtained
during the first 3 days, especially for high cyclic strain amplitudes and high collagen
density. The differences between the two models are particularly visible when compar-
ing Fig. 3.8AE with Fig. 3.8AK: in these cases, steric hindrance predicts that SFs mainly
align along the constraint, while the SF alignment resulting from contact guidance is
strongly aligned in between the constraint and the free edge of the tissue. Nevertheless,
note that both contact guidance and steric hindrance are able to predict qualitatively
the experiments of Obbink-Huizer et al. (2014b), who cyclically stretched uniaxially
constrained collagen gels with low collagen density and observed SF alignment in the
constrained and stretched direction.

Figs. 3.8BA-BR provide an overview of the results obtained for uniaxially constrained
collagen gels with a delayed cyclic stretch. Overall, all computational simulations pre-
dicted SF distributions mainly aligned in the direction of the tissue constraint and ap-
plied cyclic stretch, with different degrees of alignment. Larger degrees of alignment
were observed for tissues with high collagen density (Figs. 3.8BD-BF and 3.8BJ-BL),
due to the remodeling inhibition (steric hindrance) or topographical cues (contact guid-
ance) provided by the collagen aligned along the same direction (Figs. 3.8BP-BR). On
the other hand, for low collagen density, SFs exhibited an organization comparable to
the ones observed in case of uniaxial cyclic stretch after 3 days (Figs. 3.8BA-BC and
3.8BG-BI). In this case, it appeared that contact guidance slightly increased the align-
ment of cells towards the constraint (Figs. 3.8BA-BC).
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Figure 3.8: Computational prediction of SF and collagen distributions for uniaxially constrained
collagen gels cultured for 6 days. The SF distributions are shown in green (AA-AL and
BA-BL), while the collagen distributions are represented in blue (AM-AR and BM-BR).
The tissues were cyclically stretched immediately (AA-AR), or after 3 days of static
constraint (BA-BR). Tissues with relatively low (AA-AC, AG-AI, AM-AO, BA-BC, BG-
BI, and BM-BO) and high (AD-AF, AJ-AL, AP-AR, BD-BF, BJ-BL, and BP-BR) collagen
densities were simulated. The cyclic strain was horizontal with respect to the figure,
with increasing amplitude from left to right.

3.3 Discussion

Recent studies have demonstrated that extracellular collagen can affect cellular reori-
entation in response to cyclic strain (Foolen et al., 2012; de Jonge et al., 2013; Foolen
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et al., 2014). Existing computational models cannot predict this phenomenon because
they do not consider the combined effects of collagen and cyclic strain on cellular reori-
entation. To overcome this limitation, we extended a recently developed computational
model (including only mechanical stimuli) by considering two hypotheses on how colla-
gen influences cellular orientation: collagen contributes to cell alignment by providing
topographical cues (contact guidance); collagen causes a spatial obstruction for cellular
reorientation (steric hindrance). Furthermore, an evolution law for the cell-induced re-
orientation of collagen was proposed. Bi- and uniaxially constrained cell-populated col-
lagen gels undergoing cyclic strain were simulated to test our computational framework
and get more insight into the interplay between cells and collagen. Considering either
contact guidance or steric hindrance, the simulations could predict the cellular and col-
lagen orientation observed in previous experiments. Furthermore, the simulations iden-
tified untested experimental conditions such that the hypotheses of contact guidance or
steric hindrance lead to qualitatively different computational results. In particular, for
uniaxially constrained high-density collagen gels undergoing 10% cyclic stretch, con-
tact guidance determined a cross-like cellular distribution, while steric hindrance led
to alignment mainly in the constrained direction (Figs. 3.8AE and 3.8AK). Performing
this experiment and comparing the results with the simulations could therefore provide
valuable information to determine the dominant mechanism linking collagen to cellular
(re)orientation in cell-populated collagen gels.

Nevertheless, the following observations should be considered. Contact guidance
and steric hindrance could have synergistic effects on cellular (re)orientation. In our
study, they were treated separately because, if considered together with the current
hypotheses on the time-scales of their effects, steric hindrance would always dominate
contact guidance. In fact, steric hindrance effects would inhibit the reorientation of
cells, both in response to mechanical stimuli and contact guidance. Future studies could
refine our hypotheses on the time-scales of the effects of steric hindrance and contact
guidance, and on the functions chosen to model these phenomena (Eqs. (3.5) and
(3.7)). In case that the effects of contact guidance occur earlier than steric hindrance,
the two hypotheses could be implemented together by multiplying Eq. (3.4) with the
function defined by Eq. (3.7).

The results for uniaxially constrained gels are affected by the degree of compaction
perpendicular to the free edge of the gel, which could be underestimated in our study
compared to the experimental results. Larger compactions lead to higher alignment
along the constraints for both SFs and collagen, and this could shift the cruciform SF
distribution predicted with the hypothesis of contact guidance towards a distribution
similar to the experimental results. This could be obtained by refining the geometry
and parameters used in the simulations. For our simulations, we also assumed affine
deformations in the collagen gels. The deformations in these tissues are actually non-
affine, and it has been demonstrated that, in such tissues, the local stretch is inferior to
the global externally applied stretch (Chandran and Barocas, 2006). This consideration
would suggest that cells in stable high-density collagen gels do not respond to external
mechanical stimuli because they are subjected to lower degrees of local stretch com-
pared to the externally applied. However, this hypothesis does not explain the realign-
ment of Rho-activated cells observed in the same set of experiments that was analysed
in this study (Foolen et al., 2014), which confirms that cells sense the external cyclic
strain, despite the high-density collagen network.
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Degradation and synthesis of collagen were not included in the computational frame-
work of this study. In the early stage after seeding collagen gels (few days), which was
simulated in this study, only a small percentage of collagen is degraded (Guidry and
Grinnell, 1985; Zhu et al., 2001), and cells only synthetize procollagen, which is not
included in the existing matrix (Nakagawa et al., 1989). For long-term simulations
these processes could be included, for example as proposed by Loerakker et al. (2014).
Collagen crosslinks were also not considered in our simulations, since these covalent
interactions form only in the long term (Guidry and Grinnell, 1985; Huang et al., 1993).
For the stabilization of the collagen network in the short term, non-covalent interactions
(Guidry and Grinnell, 1987) and cellular entanglement (Jiang et al., 2005) are known
to occur. The kinetics of this stabilization process is unfortunately not known. Here we
simply assumed that complete stabilization is achieved 3 days after seeding, after which
collagen fibers cannot be reoriented anymore and start providing cells with contact guid-
ance or steric hindrance. Modelling this collagen stabilization as a gradual process, for
example by assuming a linear increase rather than a step function, did not change the
computational results.

Our approach is relevant for the prediction and explanation of cellular (re)orientation
in other collagenous tissues, such as native or tissue-engineered arteries and heart
valves. In vivo, cells in such tissues are subjected to mechanical stimuli caused by
blood circulation and are surrounded by collagen with densities even higher than in
vitro (Brown, 2013). On the one hand, steric hindrance is expected to play a major role
in tissues with low porosity and pore size (Wolf et al., 2009, 2013). On the other hand,
contact guidance is probably important in tissues with highly crosslinked and aligned
collagen, where contact guidance could induce a positive feedback. In particular, di-
rections with high density of collagen would trigger the coalignment of cells and thus
more collagen synthesis in those directions, which would in turn enhance the effects of
contact guidance. This positive feedback may explain the highly anisotropic collagen
architectures observed for example in adult aortic heart valves (Oomen et al., 2016).

In conclusion, in the present study we extended a previous computational model
that predicted cellular reorientation in response to mechanical stimuli, by including the
effects of collagen (with contact guidance or steric hindrance) and by proposing an evo-
lution law for the cell-driven reorientation of collagen. The developed computational
framework, both with contact guidance or steric hindrance, is able to predict the cellular
and collagen alignment previously observed in collagen gels subjected to uniaxial cyclic
strain. Additional simulations suggest that analysing uniaxially constrained high-density
collagen gels undergoing 10% cyclic strain and comparing experimental and computa-
tional results could reveal whether contact guidance or steric hindrance is dominant
in such collagen gels. We expect this approach to be valuable for the prediction and
explanation of cellular (re)orientation in other collagenous tissues, such as native or
tissue-engineered arteries and heart valves.

3.4 Methods

Collagen gels were simulated with the same time period as in the experiments (Foolen
et al., 2012, 2014; Obbink-Huizer et al., 2014b) (6 days). Similar to Obbink-Huizer et al.
(2014a), the constitutive equation of the cell-populated collagen gels was modelled as
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a mixture of cells, collagen and other isotropic constituents:

σ = σsf + σcf + σmc, (3.9)

where σ is the total Cauchy stress, σsf the SF stress, σcf the collagen fiber stress,
and σmc takes into account the remaining isotropic components. The SF stress σsf
was modeled by extending the computational model proposed by Obbink-Huizer et al.
(2014b) with the inclusion of the effects of collagen on SF remodeling, as explained ear-
lier (also see more details in Appendix B). The collagen fiber stress σcf was computed
as in Obbink-Huizer et al. (2014a), but considering collagen prestretch as described by
Loerakker et al. (2014) and including a reorientation law for collagen to consider the
effects of cellular forces on the initial reorganization of the developing collagen net-
work. Finally, a compressible Neo-Hookean material model was used for the isotropic
term σmc, as in Obbink-Huizer et al. (2014b,a) and Loerakker et al. (2014). For a com-
plete overview of the equations, we refer the reader to Appendix B. Concerning the
equations used for collagen reorientation and SF remodeling, having assumed the col-
lagen network to be stable only after 3 days after seeding, Eq. (3.3) was chosen for
the first 3 days to capture the remodeling of SFs without the effects of collagen, while
Eqs. (3.1) and (3.2) were chosen to model the early collagen reorganization occur-
ring. For the remaining time (last 3 days), collagen reorientation was inactivated due
to collagen network stabilization, while Eq. (3.4) or Eq. (3.6) were used to capture
the effects of contact guidance or steric hindrance, respectively. Similar to Loerakker
et al. (2014, 2016), we assumed that collagen and SFs would only develop within the
plane of the tissue, and the fiber directions for collagen and SFs were initially isotropi-
cally distributed with an angular resolution of 6◦. Their initial directions were defined
as −→e i

f0 = cos(γi)−→v 1 + sin(γi)−→v 2,, where −→v 1 and −→v 2 are orthogonal vectors and γi is
the angle of each direction with respect to −→v 1, which was chosen as the direction of the
applied uniaxial cyclic strain. The commercial finite element package ABAQUS (Sassault
Systèmes Simulia Corp., Providence, RI, USA) was used for the computational simula-
tions of the collagen gels. The material behavior was implemented in the user subroutine
UMAT. To enable the simulation of relatively long time periods of tissue remodeling in a
reasonable amount of computational time, we employed a numerical approach that was
described in chapter 2 (see Appendix B for a summary of this approach).

3.4.1 Geometry and boundary conditions

Only the central inner layer of the tissues prepared in Foolen et al. (2012, 2014) was
analysed in the computational simulations. For the biaxially constrained tissues, we as-
sumed the deformation in the central part of the tissue to be affine. Given this assump-
tion, and the fact that the remodeling of SFs and collagen is completely determined by
deformations, one single hexahedral element for each gel was sufficient for its analysis
(supplementary figure B.2 in Appendix B). Stretching was applied biaxially to match the
actual stretching values that were measured in the experiments to simulate Foolen et al.
(2014): 5.3% of stretch parallel to the cyclic stretching direction and -0.7% of stretch
perpendicular for 5% stretching amplitude; 11.4% parallel and -1.6% perpendicular for
10%; and 16.9% parallel and -3.2% perpendicular for 15%. In case of static conditions,
the outer edges were completely constrained.
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Uniaxially constrained collagen gels undergoing cyclic stretch were also simulated.
For these simulations, the same mesh as in Obbink-Huizer et al. (2014b) was chosen
(Fig. 3.7 and supplementary figure B.2 in Appendix B). In particular, due to symme-
try, only one fourth of the entire gel was considered and modelled as a square shaped
material. Tissue thickness was equal to 10% of each edge, and chosen to be in the
same order of magnitude to tissue thickness assessed experimentally. While two adja-
cent edges were constrained along their perpendicular direction due to symmetries, a
third edge was constrained along its parallel direction to mimic the effects of the uni-
axial constraint. Two different types of boundary conditions were applied to this same
edge along its perpendicular direction, corresponding to static or dynamic conditions.
For static conditions, the edge was constrained along the perpendicular direction. For
dynamic conditions, the edge was cyclically displaced until reaching 5%, 10%, or 15%
of the tissue’s original length, with a frequency of 0.5 Hz. Finally, the fourth edge was
allowed to deform freely according to the material response over time (supplementary
figure B.2 in Appendix B).

3.4.2 Initial conditions and model parameters

The parameters characterizing the remodeling of SFs in response to cyclic strain were
taken from Obbink-Huizer et al. (2014b) and, as considered in the same study, the SFs
were assumed totally disassociated at the start of the simulations, that is to say ϕisf = 0
and φa = φm for t = 0, where φa is the total actin volume fraction. Given that collagen
self-polymerization occurs much faster than cellular orientation in collagen gels (Kreger
et al., 2010; Foolen et al., 2014), we neglected the self-polymerization process and we
assumed that collagen is totally polymerized once the mechanical stimuli are applied to
the collagen gels and it initially exhibits an isotropic distribution, such that ϕicf = φcf/N
for all i = 1, ..., N , where φcf is the total collagen fiber volume fraction. This value was
chosen to be 0.5 or 0.15 for high or low collagen densities, respectively, conserving the
ratio used in the experiments. The parameters describing the effects of contact guidance
and steric hindrance on SF remodeling were fitted with the experimental results. The
remaining parameters present in the computational model were chosen in accordance
with previous studies (Loerakker et al., 2016; Sanders et al., 2016) (see Appendix B for
more details, and supplementary table B.1 for a list of the parameters used).

3.4.3 Post-processing of the results

The fiber directions −→e i
f change over time due to deformations. To take this evolution

into account for the representation of the results, during postprocessing ϕicf and ϕisf
were multiplied by the ratio of the undeformed angle between its two neighboring di-
rections to the corresponding deformed angle, as in Obbink-Huizer et al. (2014b).



Chapter 4

Predicting and understanding
collagen remodeling in human
native heart valves during early
development

The hemodynamic functionality of heart valves strongly depends on the distribution of
collagen fibers, which are their main load-bearing constituents. It is known that col-
lagen networks remodel in response to mechanical stimuli. Yet, the complex interplay
between external load and collagen remodeling is poorly understood. In this study, we
adopted a computational approach to simulate collagen remodeling occurring in na-
tive fetal and pediatric heart valves. The computational model accounted for several
biological phenomena: cellular (re)orientation in response to both mechanical stimuli
and topographical cues provided by collagen fibers; collagen deposition and traction
forces along the main cellular direction; collagen degradation decreasing with stretch;
and cell-mediated collagen prestretch. Importantly, the computational results were well
in agreement with previous experimental data for all simulated heart valves. Simula-
tions performed by varying some of the computational parameters suggest that cellular
(re)orientation in response to mechanical stimuli is a fundamental mechanism for the
emergence of the circumferential collagen alignment usually observed in native heart
valves. On the other hand, the tendency of cells to coalign with collagen fibers is es-
sential to maintain and reinforce that circumferential alignment during development.

This chapter is based on:
T. Ristori; C.V.C. Bouten, F.P.T. Baaijens, S. Loerakker. Predicting and understanding collagen remodeling
in human native heart valves during early development, submitted
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4.1 Introduction

The functionality of semilunar heart valves strongly depends on the orientation of colla-
gen fibers, the main load-bearing constituents of these tissues. Collagen fibers in native
semilunar heart valve leaflets are mainly circumferentially aligned (Billiar and Sacks,
2000b; Aikawa et al., 2006; Oomen et al., 2016). This distribution causes the circum-
ferential direction of heart valve leaflets to be stiffer than the radial one (Billiar and
Sacks, 2000b; Oomen et al., 2016). In fact, due to this mechanical anisotropy, leaflets
can restrict circumferential deformations while simultaneously enlarging in the radial
direction, thereby favoring a proper heart valve closure (Sacks et al., 2009; Loerakker
et al., 2013). Identifying the cues and processes determining the alignment of collagen
fibers is therefore desired. This is particularly relevant for the field of heart valve tissue
engineering, that aims at the development of functional living heart valve replacements
with the potential to grow and remodel with patients. Although tissue-engineered heart
valves with a proper functionality for up to one year can be developed with current
techniques (Syedain et al., 2016; Bockeria et al., 2017; Kluin et al., 2017; Serruys et al.,
2017), further studies are needed to ensure that these tissues are provided with the
correct stimuli for a physiological collagen remodeling, as this is necessary for a correct
long-term functionality.

The evolution of collagen orientation in heart valves over a long-term period can
be analyzed by investigating native heart valves. Concretely, it has been observed that
the collagen fiber anisotropy increases with age in native aortic valves, in line with the
magnitude of blood pressure (Aikawa et al., 2006; Oomen et al., 2016). The increase
in alignment is smaller in pulmonary valves, which correlates with the lower blood
pressure (Oomen et al., 2016). Yet, the complex interplay between external load and
collagen remodeling is poorly understood.

In this context, due to their versatility and predictive potential, computational mod-
els can be employed to simulate collagen remodeling and test hypotheses. Early com-
putational models have confirmed the importance of mechanical stimuli for the colla-
gen remodeling occurring in heart valves (Driessen et al., 2005, 2008). However, the
assumptions at the basis of these early computational models were mainly phenomeno-
logical. More recently, we have proposed a computational approach, based on biophys-
ical concepts, to study the short-term heart valve tissue remodeling (Loerakker et al.,
2016). Motivated by previous experimental studies, the computational model that was
adopted took into account several biological phenomena: the reorientation of cells in
response to mechanical stimuli (Faust et al., 2011; Foolen et al., 2012; Tondon et al.,
2012); the collagen deposition (Wang et al., 2003) and traction forces (Ghibaudo et al.,
2008) exerted by cells in their main direction; the cell-mediated collagen prestretch
(Meshel et al., 2005); and the degradation of collagen decreasing with stretch (Wyatt
et al., 2009). With those main computational features, the short-term tissue remodel-
ing occurring in tissue-engineered heart valves was simulated in that study. However,
this previous computational approach did not account for the effects that collagen fibers
have on the (re)orientation of cells.

Cells reorient not only in response to mechanical, but also topographical stimuli,
such as the ones provided by collagen fibers. Both in two- and three-dimensional envi-
ronments, it has been observed that cells tend to coalign with collagen fibers (Guido and
Tranquillo, 1993; Friedrichs et al., 2007), a phenomenon that has often been referred to
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as contact guidance. In a previous study, we have proposed a computational model to
predict the (re)orientation of cells in response to both mechanical stimuli and contact
guidance (chapter 3). This was achieved by extending the computational model that
was previously proposed by Obbink-Huizer et al. (2014b) for the prediction of cellu-
lar (re)orientation in response to mechanical stimuli. In the present study, we adopt a
similar approach to extend the computational framework presented in Loerakker et al.
(2016), with the aim of accounting for the effects that contact guidance has on the
(re)orientation of cells in heart valves. The extended computational method is used to
simulate and understand the early collagen fiber remodeling in native heart valves. In
particular, native fetal and pediatric heart valves were simulated, and the computational
results were compared with experimental data from the literature (Oomen et al., 2016).
Finally, the relative importance of the (re)orientation of cells in response to mechanical
stimuli and contact guidance was tested by varying the parameters associated with these
two biological phenomena.

4.2 Methods

In this study, a computational framework for the simulation of short-term tissue remod-
eling (Loerakker et al., 2016) was extended to understand long-term collagen remodel-
ing of native heart valves. This adaptation was realized by including the effects of topo-
graphical stimuli on cellular (re)orientation, similar to chapter 3. In addition, changes
with respect to the valve geometry, loading profile, material properties of the collagen
fiber network, and cellular density and contractility were necessary to account for the
differences between aortic and pulmonary valves, and the changes of these parame-
ters with age. These changes were motivated by previous experimental studies (Aikawa
et al., 2006; Oomen et al., 2016). In what follows, we briefly describe the previous com-
putational approach and highlight the changes proposed to simulate tissue remodeling
in native heart valves. For a complete discussion and motivation of the several features
of the modeling framework, we refer the reader to previous studies (Loerakker et al.,
2014; Obbink-Huizer et al., 2014b; Loerakker et al., 2016) and previous chapters (2 and
3).

4.2.1 Modeling tissue remodeling

Similar to previous studies (Loerakker et al., 2014, 2016), the collagenous tissue of heart
valves was modeled as a mixture of cells, collagen fibers, and other isotropic matrix
constituents, where the total Cauchy stress σ equals

σ = σsf + σcf + σmc, (4.1)

with σsf the active cellular stress exerted via stress fibers, σcf represents the collagen
fiber stress, and σmc considers the remaining isotropic matrix components. Collagen
and stress fibers were assumed to be distributed only within the plane of the tissue.
The fiber distributions were approximated by considering a finite number of directions
N ∈ N, with a resolution of 6◦. In particular, given two orthogonal vectors −→v 1 and −→v 2,
the i-th direction in the original configuration was characterized by the unit vector

−→e i
f0 = cos(γi)−→v 1 + sin(γi)−→v 2, (4.2)
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with γi the angle between this vector and −→v 1. −→v 1 was chosen to correspond to the
circumferential directions in heart valves. −→v 2 was then determined as the unit vector
orthogonal to both −→v 1 and the vector −→n , describing the normal of the surface of the
tissue to model.

Stress fiber stress and remodeling

The total stress fiber stress was modeled as

σsf =
1

N

N∑
i=1

ϕisfσ
i
sf
−→e if−→e if , (4.3)

where −→e if represents the unit vector in the current configuration, while ϕisf and σisf are,
respectively, the stress fiber volume fraction and exerted stress in the direction i. This
latter term was assumed to depend on the strain εi and strain rate ε̇i experienced by
stress fibers in the i-th direction, such that

σisf = σmaxfε(ε
i)fε̇(ε̇

i), (4.4)

where σmax quantifies the maximum cell traction. In agreement with the Green-Lagrange
strain definition, the strain was calculated from the global stretch as εi = 0.5

(
(λif )2 − 1

)
,

where λif is the global stretch along direction i. With F indicating the deformation gra-

dient tensor, λif was computed as λif =
√−→e if0 · F T · F ·

−→e if0. The functions fε(εi) and

fε̇(ε̇
i) were derived from previous studies (Deshpande et al., 2006; Vernerey and Farsad,

2011; Obbink-Huizer et al., 2014b) and consider the effects of strain and strain rate on
the stress fiber stress. In particular,

fε̇(ε̇
i) =

1

1 + 2/
√

5

(
1 +

kv ε̇
i + 2√

(kv ε̇i + 2)2 + 1

)
, (4.5)

where kv characterizes the decrease of σisf due to stress fiber shortening. The function
fε(ε

i) is represented as a summation of active and passive components:

fε(ε
i) = fε,a(εi) + fε,p(ε

i), (4.6)

where

fε,a(εi) = exp
(
−
(
εi/ε0

)2)
, (4.7)

and

fε,p(ε
i) =

{
0, if εi < 0,(
εi/ε1

)2
, if εi ≥ 0.

(4.8)

Here, ε0 describes the decrease of σisf for non-zero values of εi, while ε1 characterizes
the rate of increase of σisf due to stress fiber extension.
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In the previous computational approach (Loerakker et al., 2016), the remodeling of
stress fibers solely depended on the strain and strain rate experienced by stress fibers.
In chapter 3 we extended the evolution law for stress fiber remodeling by taking the
phenomenon of contact guidance into account. In the present study we adopt a similar
approach, by describing the evolution of the stress fiber volume fraction ϕisf in direction
i as

dϕisf
dt

=
(
kf0 + kf1σmaxfε,a(εi)fε̇(ε̇

i) + fcg(ϕ
i
cf )
)
ϕm − kdϕisf . (4.9)

Here, kf0 and kd quantify, respectively, the basal stress fiber formation and dissociation.
The effects that mechanical stimuli have on stress fiber remodeling, which are modeled
with the functions fε,a and fε̇ introduced with Eqs. (4.5) and (4.7), scale with the max-
imum cell traction σmax and the parameter kf1 . The term ϕm represents the monomeric
actin volume fraction, which is related to the stress fiber volume fractions ϕisf and the
total actin volume fraction φa via a conservation law for actin monomers:

φa = ϕm +
1

N

N∑
i=1

ϕisf . (4.10)

Finally, fcg(ϕcf ) is a monotonically increasing function that describes the effects that
the volume fraction of collagen fibers along direction i has on cellular (re)orientation.
This term was introduced in chapter 3 to model contact guidance. In that study, a three-
parameter sigmoid function was proposed for fcg. To simplify our modeling framework
and reduce the number of parameters, in this work we modeled contact guidance as
linearly increasing with ϕicf , with a proportionality constant gcg:

fcg(ϕ
i
cf ) = gcgϕ

i
cf . (4.11)

Collagen fiber stress and remodeling

The total collagen fiber stress σcf was defined as

σcf =

N∑
i=1

ϕicfσ
i
cf
−→e if−→e if , (4.12)

where σicf is the collagen fiber stress and ϕicf is the collagen volume fraction in direc-
tion i. This latter quantity is related to the total collagen volume fraction φcf by the
conservation law

φcf =

N∑
i=1

ϕicf . (4.13)

The magnitude of collagen fiber stress was assumed to depend on the elastic stretch
experienced by collagen fibers, according to the exponential law introduced by Driessen
et al. (2007):

σicf =

{
k1k2
k3

(
exp

(
k3((λie)

2 − 1)
)
− 1
)
, if λie < 1,

k1(λie)
2
(
exp

(
k2((λie)

2 − 1
)
− 1
)
, if λie ≥ 1.

(4.14)
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In this equation, k1 and k2 are material parameters that describe the increase of collagen
fiber stress in response to extension. The stress in response to compression, dependent
on k3 � 0, was introduced in Loerakker et al. (2014) to improve numerical convergence
without affecting the quality of the results. Note that the magnitude of collagen fiber
stress is not directly dependent on the global stretch λif , but it depends on the elastic
part of the global stretch, indicated with λie, which is obtained from

λif = λieλ
i
g. (4.15)

This partition of the global stretch λif into an elastic part λie and a growth part λig was
proposed by Loerakker et al. (2014) to model the cell-mediated collagen fiber prestretch.
The magnitude of λig was identified by assuming that cells contract collagen fibers to a
preferred degree, providing mechanical equilibrium between collagen and stress fiber
stress, such that

σicf,p = σisf , (4.16)

where σicf,p is the preferred collagen fiber stress. From this preferred stress, a corre-
sponding elastic stretch λie,p can be calculated via Eq. (4.14). In turn, given the global
stretch λif , the value of λie,p leads to a preferred magnitude of λig via

λig,p = λif/λ
i
e,p. (4.17)

Only collagen crimp was considered, such that λig,p ≤ 1. Finally, it was assumed that cells
contract collagen fibers such that λig tends to the preferred λig,p with a rate characterized
by a time constant τλ:

dλig
dt

=
1

τλ

(
λig,p − λig

)
. (4.18)

Similar to stress fibers, also the remodeling of collagen fibers was described with a first-
order ordinary differential equation:

dϕicf
dt

=
ϕisf

φa − ϕm

N∑
j=1

[
fdeg(ε

i
e, ϕ

j
cf )
]
− fdeg(εie, ϕicf ), (4.19)

where the first term in the right-hand side models the deposition of collagen performed
by cells in the stress fiber directions, motivated by experimental studies (Wang et al.,
2003). The second term describes the collagen fiber degradation, which decreases with
increasing elastic strain according to a monotonic decreasing sigmoid function (Wyatt
et al., 2009; Heck et al., 2015):

fdeg(ε
i
e, ϕ

i
cf ) =

(
Dmin +

Dmax −Dmin

1 + 102.5(εie/εtrans−1)

)
ϕicf
τcf

. (4.20)

Here, Dmin and Dmax are the minimum and maximum collagen fiber degradation
fraction, respectively. Similar to the strain εi, the elastic strain εie is defined as εie =
0.5
(
(λie)

2 − 1
)
, while τcf is a time constant characterizing the rate of collagen remodel-

ing. Finally, the term εtrans is the transition strain, which corresponds to the inflection
point that the function fdeg(εie, ϕ

i
cf ) has with respect to εie.
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Observe that the degradation law introduced in Eq. (4.20) is slightly different than
the one adopted in our previous computational approach (Loerakker et al., 2016). In
that case, the transition strain εtrans was identified by hypothesizing that the collagen
degradation is at the minimum level when σicf ≥ σmax. This assumption was not main-
tained in the present work. One of the goals of the current study was to simulate tissue
remodeling in developing native heart valves. For such tissues, Oomen et al. (2016) ob-
served large variations for the material parameters relative to the collagen fibers k1 and
k2, across the heart valves. These two parameters are strictly related to σicf , as shown in
Eq. (4.14). Thus, their large variations would entail large fluctuations across valves also
of εtrans, if the previous assumption was considered, which was judged unphysiologi-
cal. In the present study, therefore, the transitions strains were determined by assuming
that they correspond to the level of stretch at which there is the transition between the
first and second curve of the bilinear fit of the stress-stretch curve of collagen fibers (Eq.
(4.14)). The degradation law in Eq. (4.20) was slightly modified from the one adopted
in previous studies, to take this change of hypothesis into account. The values of the
transition strain for the different native heart valves simulated in this study are reported
in Table 4.1.

Table 4.1: Parameters varying across the valves. Only the percentage of the default values of σmax

and gcg is reported because these default values are identified with the results of the
simulations of fetal and pediatric heart valves, respectively.

Valve F 19w A 2y P 2y A 5y P 5y

Radius (mm) 1.5 5.5 6.5 7.0 9.0
Thickness (mm) 0.21 0.68 0.52 0.68 0.60
Pressure (kPa) 1.6 5.6 1.1 7.1 1.1
Heart rate (bpm) 155 113 113 98 98
G (kPa) 11.1 11.4 5.0 53.4 12.8
k1 (kPa) 8.9 0.1 0.55 0.1 0.48
k2 (-) 0.92 8.93 4.82 8.77 3.52
εtrans (-) 0.2 0.32 0.27 0.32 0.25
φa (-) 0.050 0.033 0.033 0.023 0.023
σmax 100% 42% 22% 22% 22%
gcg 0% 100% 100% 100% 100%

Stress of isotropic tissue components

The contribution to the stress by the isotropic tissue components, such as proteogly-
cans and cellular passive constituents, was captured with a compressible Neo-Hookean
material law:

σmc = φmc

(
κ

ln(J)

J
I +

G

J

(
B − J2/3I

))
, (4.21)

where φmc is the volume fraction of these isotropic components, while κ and G are the
compression and shear moduli, respectively. Given the shear modulus G, the compres-



58
Predicting and understanding collagen remodeling in human native heart valves

during early development

sion modulus was computed as κ = 2G(1+ν)
3(1−2ν) , where ν is the Poisson’s ratio. Finally,

J = det(F ) and B = F · F T .

4.2.2 Numerical implementation

Valve geometry

The valve geometry was defined as in Loerakker et al. (2016), with changes of radius
and thickness to take experimentally observed geometries into account (Oomen et al.,
2016). The valve geometry was derived from three spheres and a circle having the
same radius of the valve to model. The spheres touch in a single point, corresponding
to the center of the circle, while the sphere centers lie on the circle and, thus, on a
single plane. Three planes are then constructed, corresponding to the ones identified
by the intersections between pairs of spheres. The parts of the spheres which are inside
one of the other spheres, or outside the cylinder identified by the circle, were removed.
The valve surface is then extracted by unifying the surfaces of the planes and spheres
that are below the plane identified by the circle. The surface of each leaflet of the
valve corresponds to the surface extracted from one sphere and two planes. Each leaflet
can then be obtained by extruding this surface, taking the thickness of the valve to
model into account. In contrast to our previous study where valve radius and thickness
were assigned considering typical values for tissue-engineered heart valves, here we
incorporated the values measured by Oomen et al. (2016) for native heart valves (Table
4.1).

Boundary conditions

Due to symmetry, only one half of one leaflet was modeled. The half leaflet was dis-
cretized into 79 quadratic brick elements with full integration (C3D20 elements). The
nodes at the outer edge of the valve were fixed, assuming the deformations of the aor-
tic wall to be negligible. Due to symmetry, the normal displacements of the nodes at
the symmetry edge were assumed to be zero. Pressure was then applied on the arterial
side of the valve, by assuming the pressure difference over the valve to be zero during
systolic phase, maximal during diastolic phase, and to vary linearly in between. The
magnitude of the hemodynamic pressure and heart rate were chosen based on previous
studies (Oomen et al., 2016; Fleming et al., 2011; Struijk et al., 2008; Stock and Vacanti,
2001), and are reported in Table 4.1.

Directly applying all load cycles would lead to excessive computational costs to sim-
ulate years of tissue remodeling. Therefore, as in our previous computational approach
(Loerakker et al., 2016), approximations were considered. First of all, for the major
part of the simulation, the maximum pressure was applied on the valve to follow the
evolution of the strains in the configuration corresponding to the diastolic phase. Only
a finite number of unloading cycles were considered to update the strains present in the
systolic phase. The influence that the dynamic nature of the loading cycles have on the
tissue remodeling were then considered using the following numerical approximations.
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Numerical approximations

Stress fiber remodeling, as modeled in 4.2.1, depends on both the strain and strain rate
experienced by stress fibers. Considering the dynamic nature of the loading conditions
of heart valves is therefore essential to predict a correct stress fiber distribution. This
was achieved via the computational approach that we previously introduced in chapter
1. In particular, motivated by an analytical approximation of the solution of Eq. (4.9),
we assumed that each stress fiber volume fraction ϕisf tends to a preferred value

ϕisf,p =
āi∑N

j=1 āj/N + kd
φa, (4.22)

where

āi =
1

T

∫ T

0

[
kf0 + kf1σmaxfε,a(εi(t))fε̇(ε̇

i(t)) + fcg(ϕ
i
cg)
]
dt, (4.23)

with T the period of the heart beat. The integrand in Eq. (4.23) was determined by
assuming that εi(t = 0) and εi(t = T ) are both equal to the value of εi computed
during the systolic phase, εi(t = T/2) is equal to the value of εi computed during the
diastolic phase, and by assuming that the values in between can be found by linear
interpolation. Finally, it was assumed that the stress fiber volume fraction ϕisf tends
towards the preferred value ϕisf,p with a rate characterized by a time constant τsf :

dϕisf
dt

=
1

τsf

(
ϕisf,p − ϕisf

)
. (4.24)

For more details, we refer the reader to the previous study (Loerakker et al., 2016) and
chapter 1.

For the collagen fiber prestretch, a similar approach was adopted: the preferred value
of growth stretch λig,p, defined in Eq. (4.17), was calculated as the average between the
preferred growth stretch calculated for the strains present at the systolic phase and at
the diastolic phase.

Finally, the effects of elastic strains on collagen remodeling, which are present in Eq.
(4.20), were taken into account by assuming that collagen degradation depends on the
average between the elastic strains present during the systolic and diastolic phases.

Initial conditions

To initiate the simulations, initial conditions must be set for the collagen fiber volume
fractions ϕicf , the stress fiber volume fractions ϕisf and the growth stretches λig. Such as
in Obbink-Huizer et al. (2014b), stress fibers were assumed to be initially depolymerized
in each heart valve, such that ϕisf = 0 for all i = 1, ..., N and ϕm = φa. Moreover, the
collagen fiber prestretch was assumed to be initially absent (λig = 1).

Due to the inclusion of the effects of contact guidance, the final collagen fiber distri-
bution significantly depended on the initial one. Similar to previous studies (Loerakker
et al., 2014, 2016), the initial distribution for the simulation of the fetal heart valve was
chosen isotropic, such that ϕicf = φcf/N for all i = 1, ..., N . For the simulation of the
remaining heart valves, the initial collagen distribution was assumed to be equal to the
final distribution predicted for the younger heart valve of the same type.
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Material parameters

The majority of the material parameters were taken from Loerakker et al. (2016). Some
changes were made based on previous experimental studies on native heart valves
(Aikawa et al., 2006; Oomen et al., 2016). First, the shear modulus G and the ma-
terial parameters associated with the collagen fiber stress (k1 and k2) were taken from
the measurements of Oomen et al. (2016). The values of gcg, φa, and σmax were cho-
sen specifically for each valve, with each change motivated by the study of Aikawa et al.
(2006). In that study, on the one hand, it was observed that the cell density and contrac-
tility decrease with age; therefore, the values of φa and σmax were scaled accordingly
(Table 4.1). On the other hand, it was seen that the collagen fiber thickness increases
from early fetal valves (younger than 19 weeks of age) to late fetal valves (between 20
and 39 weeks of age), and then stabilizes during the pediatric phase. Therefore, by hy-
pothesizing that the effects of contact guidance depend on the collagen fiber thickness,
we assumed this phenomenon to be negligible for early fetal valves and, conversely, sig-
nificant for pediatric valves. This assumption was motivated also by previous computa-
tional and experimental studies demonstrating that cells cultured on grooved substrates
undergoing cyclic strain respond to mechanical stimuli in case of relatively thin topo-
graphical patterns, while they respond to contact guidance for relatively large patterns
(Prodanov et al., 2010). Given these observations, for fetal valves we chose φa = 0.05
and gcg = 0, while σmax was fitted by comparing the experimental and predicted colla-
gen fiber distributions. Once approximating the value of σmax for fetal valves, for the
2-year-old aortic valve we scaled φa and σmax (according to Aikawa et al. (2006), Table
4.1), and we fitted the value of gcg with the experimental data. For the remaining heart
valves, the value of gcg that was determined with the simulation of 2-year-old aortic
valve was kept unchanged, while again φa and σmax were scaled according to Aikawa
et al. (2006) (see Table 4.1). The values of the parameters that do not change across
the heart valves are reported in Table 4.2.

4.2.3 Comparison between simulations and previous experimental
data

Via confocal microscopy, Oomen et al. (2016) obtained the collagen distribution present
in the belly region of native heart valves. In our study, these data were visually and
quantitatively compared with the collagen distribution that the computational model
predicted in the element located at the center of the belly region. The quantitative
comparison was done using a goodness-of-fit approach. In particular, a coefficient of
determination was defined as:

R = 1−
∑360
k=1(ϕkexp − ϕkcf )2∑360
k=1(ϕkexp − ϕ̄exp)2

, (4.25)

where ϕkexp and ϕkcf are the percentage of collagen fibers from the experimental
data and computational simulations, respectively, which are aligned between an angle
(0.5(k − 1)− 90)

◦ and an angle (0.5k − 90)
◦ with respect to the circumferential direc-

tion. The value of ϕkcf was determined by scaling and interpolating the collagen volume
fractions ϕicf derived from the computational simulations. The term ϕ̄exp indicates the
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Table 4.2: Parameter set for computational simulations, from Loerakker et al. (2016)

Model component Parameter Value

SFs ε0 0.12 (-)
ε1 0.17 (-)
kv 50 s
kf0 1.5 · 10−6s−1

kf1 7.0 · 10−7s−1Pa−1

kd 1.0 · 10−3s−1

CFs φcf 0.5 (-)
k3 100 (-)
Dmin 0.1 (-)
Dmax 1.0 (-)

Remodeling rates τsf 5 min
τλ 1 h
τcf 12 h

Isotropic component φmc 1− φcf − φa
ν 0.3 (-)

average of the experimental data: ϕ̄exp =
∑360
k=1 ϕ

k
exp/360. In this case, the coefficient

of determination R defined in equation (4.25) quantifies the agreement of the predic-
tions of the computational model with the experimental data, compared with assuming
an isotropic configuration for the collagen fibers in the heart valves. The closer the
computational model predicts the experimental data, the closer R is to +1. The value
of R is zero when the prediction error resulting from the computational model is the
same as the one resulting from an isotropic collagen fiber configuration. Finally, R has
negative values when an isotropic collagen fiber configuration more closely matches the
experimental data compared to the predictions of the computational model.

4.3 Results

4.3.1 Collagen remodeling of fetal heart valves

First, the computational approach was applied to predict the collagen architecture in
native fetal heart valves. As contact guidance is expected to have a negligible role, gcg
was set to zero and these simulations could be used to estimate the value of maximum
cell traction σmax for native fetal heart valves and understand its influence on collagen
remodeling.

The computational results show that cell traction is necessary to obtain the circum-
ferential collagen orientation observed in Oomen et al. (2016) (Fig. 4.1). When cell
traction was set to zero, the resulting collagen fiber architecture was approximately
isotropic (FIg. 4.1A, results with σmax = 0 kPa). Conversely, non-zero values of σmax
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A B

C

Figure 4.1: Cell traction is necessary for the emergence of a circumferential collagen fiber align-
ment in fetal heart valves. A: Comparison between the collagen fiber distribution in
the belly region of fetal heart valves quantified in a previous study (Oomen et al.,
2016) and the one predicted by the computational model with different values of
maximum cell traction σmax (reported in the legend). The direction v1 corresponds
to the circumferential direction in the heart valve leaflet. If σmax = 0, the simula-
tion predicted an isotropic collagen fiber distribution. Increasing values of maximum
cell traction correspond to increasing circumferential alignment of collagen fibers. B:
Histogram of the performance of the computational model with different values of
maximum cell traction σmax, quantified with the coefficient of determination defined
in Eq. (4.25). The maximum performance is obtained for σmax = 50 kPa, with
R = 0.75. C: Radial strain distribution in the final loaded configuration of the fetal
heart valve, as predicted by the computational model. The opening of the heart valve
in the loaded configuration increases for increasing values of σmax.

resulted in an anisotropic collagen fiber organization that was mainly circumferentially
aligned, with this alignment increasing with σmax (Fig. 4.1A).

The quantitative comparison of the experimental and computational results demon-
strated that the best predictions, in the sense of goodness-of-fit, were obtained with
σmax = 50 kPa (Fig. 4.1B). We observe that the simulations with σmax = 50 kPa also
predicted a fairly good closure of the fetal heart valve, and that this closure decreased for
higher values of σmax (Fig. 4.1C). Considering these results, the maximum cell traction
for fetal heart valves was estimated to be σmax = 50 kPa.
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4.3.2 Collagen remodeling of 2-year-old aortic valves

C

A

C

B

Figure 4.2: Contact guidance is a necessary mechanism to maintain and reinforce the circumfer-
ential collagen fiber alignment during development towards 2-year-old aortic valves.
A: Comparison between the collagen fiber distribution in the belly region of 2-year-old
aortic valves observed in a previous study (Oomen et al., 2016) and the one predicted
by the computational model with different values of gcg (reported in the legend), pro-
portional to the effects of contact guidance. If gcg = 0 s−1, the simulation predicted
an almost isotropic collagen fiber distribution. Increasing values of gcg correspond
to increasing circumferential alignment of collagen fibers. B: Histogram of the per-
formance of the computational model with different values of gcg. The agreement
between experimental and computational results increases for increasing values of
gcg. A plateau is reached at approximately gcg = 500 s−1. C: Radial strain distribu-
tion in the final loaded configuration of the 2-year-old aortic valve, as predicted by
the computational model. The computational model predicted good valve closure for
every value of gcg.

Simulations of 2-year-old aortic valves were then performed considering previous
experimental studies (Aikawa et al., 2006; Oomen et al., 2016) for the choice of the
heart valve geometry, collagen fiber material properties, total actin volume fraction, and
maximum cell traction (Table 4.1). The circumferential distribution predicted for fetal
heart valves with σmax = 50 kPa was chosen as initial condition for the remodeling of
these 2-year-old valves. Despite that, if contact guidance was not considered, the simu-
lations predicted an isotropic collagen distribution at 2 years of age (Fig. 4.2A, gcg = 0
s−1). This is in disagreement with Oomen et al. (2016), who reported collagen fibers
to be aligned circumferentially (Fig. 4.2A). Conversely, with the inclusion of the effects
of contact guidance, a circumferential collagen orientation was obtained in agreement
with experimental data. The degree of alignment predicted by the simulations increased
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with gcg (Fig. 4.2A), together with the agreement with the experimental results (Fig.
4.2B), until a plateau was reached for values of gcg around 500 s−1.

These results suggest that the phenomenon of contact guidance is necessary to main-
tain and reinforce the circumferential collagen alignment that was present at the fetal
age. In particular, contact guidance can induce a positive feedback on the collagen and
cell distribution: on the one hand, circumferential collagen fibers induce cells to orient
circumferentially; on the other hand, these aligned cells deposit more collagen in this
circumferential direction, thereby increasing the effects of contact guidance.

Interestingly, varying gcg did not have significant effects on the closure of 2-year-old
aortic valves, which were predicted to efficiently close in every case (Fig. 4.2C). It can be
observed, anyway, that increasing values of gcg led to a slight increase of radial strains,
which favor valve closure. Given that a reasonable agreement between experimental
and computational results was obtained for gcg = 500 s−1 and that a further increase
of gcg did not entail a significant improvement (Fig. 4.2C), we chose this value as a
reference for the effects of contact guidance.

4.3.3 Collagen remodeling of other pediatric heart valves

The computational model with contact guidance was further applied to simulating three
other native heart valves: a 2-year-old pulmonary valve, and 5-year-old aortic and pul-
monary valves. The parameter gcg identified with the simulations of 2-year-old aortic
valve was unchanged, while the maximum cell traction σmax was scaled in agreement
with previous experimental studies (Table 1). The results of the computational simula-
tions with these parameters are shown in Fig. 4.3, together with the results for the fetal
and 2-year-old aortic valves obtained with the chosen parameters.

The computational simulations predicted collagen distributions qualitatively in agree-
ment with the experimental results for all heart valves. In particular, all heart valves
present a circumferential alignment with different degrees of anisotropy. In case of aor-
tic valves, this anisotropy increases with age, going from fetal (Fig. 4.3A) to 5-year-old
aortic valves (Fig. 4.3C). In contrast, in case of pulmonary valves, the alignment only in-
creases from fetal to 2-year-old valves (Fig. 4.3D), and it remains stable until 5-year-old
valves (Fig. 4.3E).

Strikingly, the computational predictions were reasonably in agreement with the ex-
periments also from a quantitative point of view, as represented by the values of R
reported in each graph (Fig. 4.3). This is especially significant because these results
were obtained with minimal changes of parameters, that were necessary to consider the
differences between aortic and pulmonary valves, and the changes of these parameters
with age, as observed in experimental studies (Aikawa et al., 2006; Oomen et al., 2016).

4.3.4 The importance of cell traction and contact guidance

Further simulations were performed to evaluate the relative importance of cell traction
and cellular (re)orientation in response to both mechanical and topographical stim-
uli for the final collagen distribution. To this aim, we first simulated 5-year-old heart
valves by changing the parameters associated with these phenomena. In particular, the
simulations without contact guidance were performed by assuming gcg = 0 s−1. The
simulations without cell traction were performed by setting σmax = 0 kPa. Simulations
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Figure 4.3: The computational model can successfully predict the collagen fiber distribution in
fetal and pediatric (2- and 5-year-old) aortic and pulmonary heart valves. In each
panel, the comparison between experimental and computational results is shown with
a graph, for fetal (A) and pediatric (B-E) heart valves. Furthermore, in these pan-
els, the values of the coefficient of determination R are indicated (all above 0.75),
and spider-plots representing the collagen fiber distribution predicted by the compu-
tational simulations are shown. In particular, for these spider-plots, the length of the
lines is proportional to the amount of collagen fibers along that particular direction,
as predicted by the computational model, where the horizontal and vertical directions
correspond, respectively, to the circumferential and radial directions in the heart valve
leaflet. Below each panel, the final loaded configuration as predicted by the computa-
tional simulations is reported.

with cell traction, but without a reorientation response of cells due to mechanical stim-
uli, were obtained by: setting σmax to its original value (11 kPa in case of 5-year-old
valves); increasing the value of the basal actin stress fiber production from the original
kf0 to kf0 + kf1σmax; and, later, set the parameter associated to cellular reorientation in
response to strain to kf1 = 0 s−1Pa−1. The simulations were performed with several
variations of the parameters, as shown in the table in Fig. 4.4.

From the results of these simulations, it can be seen that contact guidance is again
fundamental to maintain the circumferential alignment of collagen fibers. In particu-
lar, the simulation of 5-year-old heart valves performed with gcg = 0 s−1 predicted an
isotropic (or slightly radial) organization of collagen fibers for both the aortic and pul-
monary valve (Fig. 4.4A and 4.4B), in strong disagreement with experimental data (Fig.
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4.4C). Considering contact guidance without cell traction was also not sufficient to cor-
rectly predict collagen remodeling. In fact, simulations with gcg = 500 s−1 and σmax = 0
kPa also had computational results in disagreement with experiments. This was particu-
larly evident for 5-year-old pulmonary valves which, in that case, presented an excessive
circumferential alignment (Fig. 4.4B). On the other hand, the (re)orientation of cells in
response to mechanical stimuli does not seem significantly important in this case, since
a good level of agreement between computational and experimental data was achieved
by setting to zero the parameter kf1 associated with the reorientation potential of cells
in response to mechanical stimuli, and by increasing the basal stress fiber formation
accordingly (Fig. 4.4, parameter set V).

C

A B

C

Figure 4.4: Simulation of 5-year-old heart valves with variation of computational parameters. A-
B: Comparison, for aortic (A) and pulmonary (B) valves, between the experimental
data and the collagen fiber distribution predicted by the computational simulation
with varying values of the parameters gcg, σmax, k

f
0 , and kf1 , as reported in the table

on the right. In the table, the overbars indicate the reference parameters, adopted to
obtain the results in Fig. 4.3. C: Performance of the computational model. A good
agreement between experimental and computational results is obtained only when
σmax and gcg are not equal to zero.

Given the results for 5-year-old heart valves, we simulated 2-year-old heart valves
with changes of parameters to investigate whether a physiological collagen remodeling
can be obtained in these heart valves without the reorientation of cells in response to
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mechanical stimuli. Again, the computational simulations showed that contact guid-
ance is fundamental to obtain the circumferential collagen alignment (Fig. 4.5). Most
importantly, these computational results show that considering cellular realignment in
response to mechanical stimuli is fundamental to predict the high degree of alignment
observed in 2-year-old heart valves. In fact, a decrease of the agreement between com-
putational and experimental results was observed when the reorientation of cells in
response to mechanical stimuli was not taken into account.

C
C

A B

Figure 4.5: Simulation of 2-year-old heart valves with variation of computational parameters. A-
B: Comparison, for aortic (A) and pulmonary (B) valves, between the experimental
data and the collagen fiber distribution predicted by the computational simulation
with varying values of the parameters gcg, σmax, k

f
0 , and kf1 , as reported in the tables

on the right. C: Performance of the computational model. Choosing kf1 = 0 s−1Pa−1

leads to computational results less closely matching the experimental data.

4.4 Discussion

The distribution of collagen fibers strongly influences the biomechanics and functional-
ity of heart valves. Therefore, predicting and understanding the remodeling of collagen
fibers is desired. The aim of this study was to understand the collagen remodeling in
human native heart valves during early development. To this aim, we adopted a com-
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putational approach to simulate tissue remodeling in fetal (19-weeks-old) and pediatric
(2- and 5-year-old) heart valves.

4.4.1 Agreement between computational results and experimental
data

Importantly, the collagen distributions predicted by the computational simulations ex-
hibited a good level of qualitative and quantitative agreement with the experimental
data reported in a previous study (Oomen et al., 2016), for all heart valves that were
simulated (Fig. 4.3) . This is especially notable if we consider that these predictions
were obtained by varying the computational parameters only when required to consider
the variations between aortic and pulmonary valves, and between valves of different age
groups (Aikawa et al., 2006; Oomen et al., 2016).

The quantitative agreement between experiments and simulations could further im-
prove by considering that the scaling of the maximum cell traction for the simulation of
the distinct heart valves was based on the study of Aikawa et al. (2006), while the exper-
imental collagen distributions were taken from Oomen et al. (2016). Considered this
discrepancy and the biological variation between individuals, the agreement between
computational and experimental data is remarkably good.

4.4.2 Cell traction and (re)orientation in response to mechanical
stimuli are fundamental for initiation of circumferential align-
ment

Given the good level of agreement between computational and experimental data, we
can derive information about the importance of the different mechanisms driving col-
lagen remodeling during development. For example, from the simulation of fetal heart
valves with different values of maximum cell traction (Fig. 4.1), we can understand that
cell traction is fundamental for the circumferential collagen fiber orientation to arise.
In fact, the computational simulations of fetal heart valves predicted a circumferential
collagen fiber alignment only if a non-zero value of cell traction was chosen; an approx-
imately isotropic distribution was predicted otherwise. We observe that the maximum
cell traction is also correlated with the reorientation of cells in response to mechanical
stimuli (Eq. (4.9)). Consequently , when σmax is set to zero, this reorientation response
is neglected. It thus appears that both cell traction and reorientation in response to
mechanical stimuli are necessary for the collagen organization to arise in the very early
development.

The importance of these two phenomena for a physiological collagen remodeling
was also confirmed at a later stage of development, when simulating 2- and 5-year-old
valves. In fact, excessive alignment was predicted for 5-year-old pulmonary valves with
no cell traction (Fig. 4.4B), while a lower level of anisotropy was predicted for 2-year-
old heart valves if the cellular reorientation response due to the experienced strain and
strain rate was not considered (Fig. 4.5). Overall, these results suggest that cell trac-
tion and reorientation in response to mechanical stimuli are fundamental mechanisms
driving the physiological collagen remodeling in native heart valves, especially in the
relatively early stage of development.
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4.4.3 Contact guidance is essential to maintain and reinforce colla-
gen alignment

The computational simulations further indicate that the tendency of cells to coalign with
collagen fibers is fundamental for the maintenance and reinforcement of the circumfer-
ential collagen alignment obtained during the early stage of development. Computa-
tional simulations of 2- and 5-year-old heart valves performed without considering such
phenomenon had results strongly in disagreement with experimental data (Figs. 4.2,
4.4 and 4.5).

In pediatric native heart valves, the importance of contact guidance for the remod-
eling of collagen is particularly evident because, as reported by Aikawa et al. (2006),
the maximum cell traction of cells in these valves is low compared to the fetal stage
and, consequently, also their reorientation potential in response to mechanical stimuli is
diminished (Eq. (4.9)).

4.4.4 Main limitation

One of the main limitations of this study is the fact that the change of the material
parameters performed when passing from fetal to 2-year-old valves, and further to 5-
year-old valves, was assumed to occur instantaneously, together with the change of heart
valve radius, thickness, and blood pressure. This assumption was necessary because no
extensive information on the evolution over time of such parameters is present in the
literature. With further information, computational models predicting the heart valve
growth over time in response to the in vivo biomechanical stimuli experienced by heart
valves could be developed, with an approach similar to computational models for the
growth of other native tissues (Kuhl, 2014). Such models could then be implemented in
the computational framework proposed in this study, together with evolution laws for
the material parameters.

4.4.5 Future applications

Although improvements are possible, the computational framework proposed in this
study presents a large number of potential applications. For example, a similar approach
could be adopted to investigate the tissue remodeling of adolescent and adult native
heart valves (Oomen et al., 2016), the long-term remodeling of tissue-engineered heart
valves, the evolution of native pulmonary heart valves undergoing the Ross procedure
(Ross, 1961) or other cardiovascular tissues, such as arteries. Furthermore, while in
this study we mainly focused on analyzing the importance that cellular (re)orientation
in response to contact guidance and mechanical stimuli has on collagen remodeling,
future studies could also address other mechanisms that are assumed to determine the
collagen fiber distribution.

4.5 Conclusion

In this study, we adopted a computational approach to understand collagen remodeling
in human native heart valves during early development. Importantly, the computational
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simulations were able to successfully predict the collagen fiber distribution in native fe-
tal (19-week-old) and pediatric (2- and 5-year-old) aortic and pulmonary valves with
little adjustment of parameters. Additional simulations performed by varying compu-
tational parameters suggested that the reorientation of cells in response to mechanical
cues is fundamental for the circumferential alignment of collagen fibers to arise during
heart valve development, while the tendency of cells to coalign with collagen fibers is
necessary to maintain and enhance such alignment.



Chapter 5

Prediction of cell alignment on
cyclically strained grooved
substrates

Cells respond to both mechanical and topographical stimuli by reorienting and reor-
ganizing their cytoskeleton. Under certain conditions, such as for cells on cyclically
stretched grooved substrates, the effects of these stimuli can be antagonistic. The bio-
physical processes that lead to the cellular reorientation resulting from such a compe-
tition are not clear yet. In this study, we hypothesized that mechanical cues and the
diffusion of the intracellular signal produced by focal adhesions are determinants of
the final cellular alignment. This hypothesis was investigated by means of a computa-
tional model, with the aim to simulate the (re)orientation of cells cultured on cyclically
stretched grooved substrates. The computational results qualitatively agree with pre-
vious experimental studies, thereby supporting our hypothesis. Furthermore, cellular
behavior resulting from experimental conditions different from the ones reported in the
literature was simulated, which can contribute to the development of new experimental
designs.

This chapter is based on:
T. Ristori, A. Vigliotti, F.P.T. Baaijens, S. Loerakker, V.S. Deshpande. 2016 Prediction of cell
alignment on cyclically strained grooved substrates, Biophysical Journal. 111(10):2274–2285. doi:
10.1016/j.bpj.2016.09.052.
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5.1 Introduction

In vitro studies have demonstrated that cells react to both mechanical and topograph-
ical stimuli rearranging their orientation and internal cytoskeleton. For instance, cells
orient perpendicular to cyclic strain when cultured on stiff substrates or on biaxially con-
strained collagen gels (Neidlinger-Wilke et al., 2001; Wang et al., 2001; Kaunas et al.,
2005, 2006; Faust et al., 2011; Foolen et al., 2012; Tondon et al., 2012). This phe-
nomenon, called strain avoidance (SA), depends on the profile of the cyclic strain since
the degree of cellular (re)orientation is proportional to the amplitude and frequency of
the strain (Faust et al., 2011; Tondon et al., 2012). Cellular orientation is also influenced
by topographical features, a phenomenon known as contact guidance (CG). For exam-
ple, experimental studies have demonstrated that, when seeded on substrates having
nano/microgrooves, cells tend to orient themselves along the direction of these patterns
(den Braber et al., 1996; Walboomers et al., 1999, 2000; Sarkar et al., 2005; Loesberg
et al., 2007; Lamers et al., 2010; Dreier et al., 2013; Saito et al., 2014; Pilipchuk et al.,
2016). A similar behavior can be observed when cells are cultured on substrates hav-
ing linear patterns created with microcontact printing (Zimerman et al., 2004; Kalinina
et al., 2008; Alford et al., 2011; Williams et al., 2011), or on top of microposts with an
ellipsoidal base (Tamiello et al., 2015).

Understanding the biochemical processes that determine the effects of the interaction
between mechanical and topographical stimuli on cells is fundamental to shed light
on their behavior in vivo, where multiple sources provide such types of stimuli. In
fact, load-bearing tissues such as cardiovascular tissues, skeletal muscle, and ligaments,
are continuously subjected to mechanical strains. At the same time, as experimental
evidence has revealed, cells receive topographical cues from collagen, one of the most
abundant proteins inside the human body.

Lamers et al. (2010) demonstrated that cells on grooved surfaces do not respond to
these topographical stimuli when their groove width is lower than a certain threshold.
In particular, in their experiments, they cultured osteoblast-like cells on surfaces with
grooves of different sizes and they showed that these cells were influenced by the pat-
terns only when the groove width was larger than 75 nm. In fact, for smaller widths,
cells oriented themselves isotropically, while for larger values, cells aligned along the
direction of the grooves, with the strength of alignment being proportional to the width
size.

It is interesting to observe that, when cells are cultured on substrates that are cycli-
cally stretched along the direction of topographical patterns, the effects of SA and CG
are in competition. Many different experimental studies have been performed to investi-
gate the final outcome of this competition (Wang, 2000; Wang et al., 2000; Walboomers
et al., 2003; Wang et al., 2004, 2005; Kurpinski et al., 2006; Park et al., 2006; Loes-
berg et al., 2005; Houtchens et al., 2008; Ahmed et al., 2010; Prodanov et al., 2010;
Yu et al., 2013). The final cellular organization in these studies appeared to depend on
several factors, such as the amplitude of the applied cyclic strain, the size of the used
topographical features, and the type of cells investigated.

The experiments of Prodanov et al. (2010) are particularly interesting. In their study,
the authors used the same technique for the fabrication of grooves and a similar cell type
as reported in Lamers et al. (2010) and, in addition, they mechanically stimulated cells
along the direction of the patterns. Even though only two pitch sizes were investigated
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(600 nm and 2 µm), the similarities with the work of Lamers et al. (2010) facilitate the
identification of the effects of both strain and topographical features on the process of
cellular (re)orientation. In particular, it was observed that SA can overrule the effects of
CG when the size of the pitches is 600 nm. On the other hand, for a pitch size of 2 µm,
cells did not respond to mechanical stimuli and aligned along the grooves, following
the effects of CG. Therefore, it appears that only relatively large grooves can inhibit the
biological mechanisms responsible for the remodeling potential of cells in response to
cyclic strain. However, further research is needed to investigate these phenomena and
understand the biological processes involved.

In the context of cellular (re)orientation and mechanotransduction, a fundamental
role is played by actin stress fibers (SFs) and focal adhesions (FAs). In fact, cellular
alignment generally corresponds to the main SF direction (Faust et al., 2011), and ex-
periments have shown that these acto-myosin bundles are essential for the reorientation
of cells in response to cyclic strain (Kaunas et al., 2005; Foolen et al., 2012). On the
other hand, FAs are crucial to sense and interact with topographical stimuli, since they
form the link between cells and their surroundings (Tamiello et al., 2016). Understand-
ing the behavior and interaction of SFs and FAs is therefore key to understand cellu-
lar (re)orientation. However, the processes involved are very complex and depend on
many factors. Numerical simulations are a valuable tool to test hypotheses, investigate
the effects of single physical phenomena, and thereby increase our understanding of the
underlying processes.

Several mathematical models have been proposed to explain the remodeling of SFs
and predict their interaction with the cellular surroundings (Deshpande et al., 2006;
Kaunas et al., 2011; Vernerey and Farsad, 2011; Vigliotti et al., 2016). In 2006, Desh-
pande et al. (2006) introduced a bio-chemo-mechanical model to predict the effects
of cyclic strain on SFs, and therefore give a possible explanation for the phenomenon
of SA (Wei et al., 2008). In their study, they proposed that SFs tend to establish a
homeostatic equilibrium with their surroundings, and this leads to the final SF organi-
zation. This model has been successively coupled with a thermodynamic model for FA
maturation and signal production and diffusion (Deshpande et al., 2008; Pathak et al.,
2011). Recently, Vigliotti et al. (2015) used this computational framework to explain the
phenomenon of CG on grooved surfaces observed in the experiments of Lamers et al.
(2010). In the proposed theory, CG is caused by the inability of FAs to form above
grooves. When the grooves are too large, the signal that originates at the location of
FAs on the ridges does not reach the middle of the grooves due to the limited diffusion
distance. Therefore, the cascade of intracellular signal that leads to SF formation cannot
initiate in this region and SFs polymerize only on (or in proximity) of the ridges. This
spatial heterogeneity affects the orientation of SFs and cells, which consequently align
along the direction of the patterns.

After considering their numerical predictions, we can affirm that the mathematical
models previously discussed are based on hypotheses that can explain both SA and
CG individually. However, the mechanisms responsible for the potential competition
between these two phenomena are not clearly understood yet. In the present study we
hypothesized that, when both mechanical and topographical stimuli are present, SA and
CG can both be explained by the diffusion of the FA intracellular signal, and hence this
single factor could be able to explain the competition between both phenomena. To
investigate the validity of our hypothesis, the numerical model of Vigliotti et al. (2015)
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was extended to analyze the behavior of SFs and FAs of cells cultured on cyclically
stretched grooved surfaces (or linear topographical patterns), as cells in this context
are subjected to stimuli that induce both SA (stretch) and CG (grooves/patterns). The
experiments of Prodanov et al. (2010) were chosen as a reference to qualitatively assess
our numerical predictions, due to the similarities with the study of Lamers et al. (2010)
previously simulated by Vigliotti et al. (2015) In addition, cellular behaviors resulting
from experimental conditions different from the ones reported in the literature were
predicted, which could be helpful for the development of new experimental designs.

5.2 Methods

In the present study, we simulated the remodeling of cells seeded on grooved surfaces
subjected to cyclic strain by adapting the computational framework proposed by Vigliotti
et al. (2015). The focus was on the homeostatic behavior of a cell in response to cyclic
strain, achieved a long time after the moment of seeding; thus, the transient dynamics of
FA and SF after seeding were neglected. For these conditions, the following loop of inter-
dependencies between FAs and SFs is proposed (Fig. 5.1): (i) the applied cyclic stretch
causes a periodic increase of high-affinity integrins on a small portion of the ridges
present in the surface, where integrins and ligands are in contact; (ii) this phenomenon
induces FA intracellular signaling cascades involving several proteins (such as IP3, Rho,
Ca2+, and ROCK) that diffuse in the cytosol and activate SFs; (iii) SFs exert traction
to their surroundings, causing relative displacement between cell and ridges, which in
turn induces more FA formation. The FA dynamics (i) and FA intracellular signaling (ii)
could be described with equations previously introduced by Deshpande et al. (2008) and
Pathak et al. (2011). However, due to excessive computational costs, the numerical res-
olution of these equations is not feasible when considering the effects of cyclic stretch.
Therefore, we developed some biophysical and mathematical approximations to enable
the computational simulations. In the following, the approximated mathematical model
is introduced. Readers are referred to Vigliotti et al. (2015) for a more comprehensive
overview of the original model, while the biological details motivating the equations can
be found at the references quoted in each case. For completeness, a brief description of
the original model is also provided in Appendix C.

5.2.1 Geometry and boundary conditions

The case modelled was a grooved surface parallel to the plane x1−x2 (Fig. 5.1) featuring
grooves (along x2) as wide as half of the pitch length L0 (along x1). We assumed that
a cell, with homogeneous thickness b along x3, was lying on top of the surface. The
cell could adhere only on the ridges, without sinking on the grooves. The focus was on
the FA and SF dynamics in a central portion of this cell, far from its periphery. In this
case, since typical eukaryotic cells are considerably larger than the pitches considered
in this study, it is reasonable to assume that the quantities under analysis are spatially
periodic along x1 (with period L0) and uniform along x2. Due to this assumption, it was
sufficient to model a one-dimensional (1D) unit of the cell along x1, with the length of
this unit equal to L0 centered at the middle of the groove. In particular, the modeled 1D
portion of the cell started from the middle of a ridge (x1 = 0) and ended in the middle
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Figure 5.1: Scheme of the one-dimensional substrate (with ridges and grooves) and cell (with FAs
and SFs).

of the next one (x1 = L0), while the points x1 = L0/4 and x1 = 3L0/4 corresponded to
the transitions between the ridges and a groove (Fig. 5.1).

By assuming that the cell is attached to the ridges of a very stiff substrate, we can
consider the displacements along the direction x1 as negligible. In particular, following
from the spatial periodicity and symmetries along x1, the spatial boundary conditions
ucell,1(0) = ucell,1(L0) = usub,1(0) = usub,1(L0) = 0 were prescribed, where ucell,1 and
usub,1 denote the cellular and substrate displacements along x1. Furthermore, additional
boundary conditions were added along x2 to include the cyclic strain, with a strain
amplitude ε22,max and frequency f .

5.2.2 Approximation of the mathematical model for FA dynamics

The computational model developed by Deshpande et al. (2008) analyzes the flux of in-
tegrins in a cell and the change of state of integrins. Experimental studies have demon-
strated that integrins can have two conformational states, defined as low-affinity (or
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bent) state and high-affinity (or “straight”) state. Due to their geometry, the bent inte-
grins do not interact with the extracellular molecules and can move within the plasma
membrane. Only high-affinity integrins, which can bind with the extracellular ligands,
form FAs. Relative displacements between cell and substrate induce the conversion of
integrins from the bent to their “straight” state, a phenomenon regulated by thermo-
dynamic laws. Specifically, chemical potentials can be associated to both states. The
chemical potential χL of low-affinity integrins is given by the summation of internal
energy and entropy of mixing:

χL(x, t) = µL + kT ln [ξL(x, t)/ξR] , (5.1)

with ξL as the concentration of low-affinity integrins, µL as their reference potential, k as
the Boltzmann’s constant, T as the absolute temperature, and ξR as the reference binder
concentration. The chemical potential χH of high-affinity integrins was similar, with
additional terms representing the mechanical interaction with the extracellular ligands,
as follow:

χH(x, t) = µH + kT ln [ξH(x, t)/ξR] + Φ(∆)− F (∆)∆, (5.2)

where ξH labels the concentration of high-affinity integrins, µH is their reference po-
tential, Φ(∆) is the bond energy stored in a single integrin-ligand complex due to a
relative displacement ∆ between the integrin and the substrate, and F is the work-
conjugate force. This last term relates to the bond energy and is classically expressed as
F (∆) = ∂Φ(∆)

∂∆ (Gaskell, 1973). The function describing the relationship between Φ and
∆ was defined as a piecewise quadratic potential:

Φ(∆) =


(1/2)ks∆

2 if ∆ < ∆n,

ks(2∆n∆−∆2
n −∆2/2) if ∆n ≤ ∆ ≤ 2∆n,

ks∆
2
n if ∆ > 2∆n

(5.3)

This function was derived by treating each high-affinity integrin as a nonlinear spring
to include the effects of stability of the integrin-ligand complex and by considering the
possibility of a rupture. Although simple, this function captures the essential charac-
teristics of FA formation and satisfies the requirement that integrin-ligand complexes
should have a finite energy of rupture: γ = Φ(∆ −→ +∞) < +∞. In the definition, ks
represents the stiffness of the integrin-ligand bonds, while ∆n is the stretch such that F
is maximum.

The conversion from low- to high-affinity integrins (and vice versa) is typically fast
compared to the biological processes considered in our study. Therefore, the two chemi-
cal potentials of Eqs. (5.1) and (5.2) were assumed to be always in equilibrium, implying
χL = χH . Thus, given the total integrin conservation statement ξ = ξH + ξL and the
relative displacement ∆, it would be possible to determine ξH and ξL. In the original
model, this is achieved by numerically solving a diffusion equation for the trafficking
of low-affinity integrins along the cellular membrane (Eq. (C.10) in Appendix C) and
a model for SF contractility. However, this is not feasible when considering the effects
of cyclic strain, due to excessive computational costs, thus the value for ξH had to be
determined with an alternative method. First, the trafficking of low-affinity integrins
was neglected by assuming that, because of homeostasis, the concentration of integrins
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is constantly homogeneous. In particular, we assumed ξH + ξL ≡ ξ0, where ξ0 is the
homeostatic value of the total integrin concentration at any location on the cell mem-
brane. Secondly, the relative displacement ∆ was approximated using biophysical rules.
In what follows, we first approximate the region where cyclic strain causes a nonzero
relative displacement ∆ between cell and substrate; then, an evolution over time for the
magnitude of ∆ is derived; finally, the increase of high-affinity integrins caused by this
displacement is identified.

Recall that the cell is assumed homogenous in the x2-direction. Moreover, we as-
sumed that in the homeostatic state the cell is almost completely attached to the sub-
strate on the ridges (where FAs are formed) except for a transitional region that we
denote Us. This transitional region has length Ds and is situated immediately adjacent
to the groove as indicated in Fig. 5.1. Higher shear tractions are expected to persist in
this transitional region; so, it is reasonable to assume that there exists a nonzero rela-
tive displacement of the cell and the substrate in the x1 direction over this transitional
region. Then, shear-lag theory and mechanical equilibrium dictate that the length Ds is
given as

bσmax = ks∆nξHDs, (5.4)

where bσmax is the isometric traction force exerted by SFs over the grooves and ks∆n

is the maximum force per integrin-ligand complex (from F (∆) = ∂Φ(∆)
∂∆ and Eq. (5.3)).

Consequently, ks∆nξH is the force per unit area, while Ds represents the length over
which this force acts to give the required mechanical equilibrium. Eq. (5.4) cannot be
solved directly because Ds and ξH are both unknown. Rather, we approximate Eq. (5.4)
as bσmax = ks∆nDs/β1, where we have replaced ξH by a material parameter 1/β1 that
is representative of the maximum density of high affinity integrins that can form on the
cell surface (this maximum density is expected to be attained at the edges of the ridges).
Then, by taking into account the inability of FAs to form on a region larger than the size
of a ridge, we write

Ds = min [(β1bσmax)/(ks∆n), L0/4] (5.5)

and it follows that Us is the region of the pitch from x = L0/4−Ds until L0/4, and from
3L0/4 until 3L0/4 +Ds.

After approximating the region where ∆(x, t) 6= 0, the evolution over time of this
displacement and its magnitude were determined. First, for simplicity, we assumed
that the relative displacement caused by SFs in Us is instantaneous, nonzero only at
the middle of every stretching period (when the amplitude of the stretch is maximal;
Fig. 5.1). Second, at the middle of every stretching period, we hypothesized a linear
relationship between the magnitude of the relative displacement and the pitch length,
such that

∆(x, t) =

{
β2L0 if x ∈ Us, tf = n+ 1/2, n ∈ N
0 otherwise,

(5.6)

with β2 a positive parameter. This linear proportion is motivated by the observation
that in Vigliotti et al. (2015), where FA dynamics was computed by direct numerical
integration for static conditions, the magnitude of ∆ increased with L0.
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From Eq. (5.6), ξH + ξL ≡ ξ0, and χL = χH , the concentration of high-affinity
integrins could be obtained:

ξH(x, t) =


ξ0 [exp((µH − µL + Φ(β2L0)−
−F (β2L0)β2L0)/kT ) + 1]

−1 if x ∈ Us, tf = n+ 1/2, n ∈ N

ξ0(exp((µH − µL)/kT ) + 1)−1 otherwise,

(5.7)

Consequently, at the middle of every stretching cycle, cyclic strain causes an increase ξ̂H
of the high-affinity integrin concentration equal to

ξ̂H(x, t) = ξ0
∣∣(exp((µH − µL + Φ(β2L0)− F (β2L0)β2L0)/kT ) + 1)−1−

−(exp((µH − µL)/kT ) + 1)−1
∣∣ (5.8)

5.2.3 FA intracellular signaling cascade

Similar to Vigliotti et al. (2015), in this study we reinterpret the computational model of
Pathak et al. (2011) as a mathematical description of the Rho-ROCK signaling pathway.
As presented above, cyclic strain induces conversion of low-affinity integrins to their
“straight” counterpart. These “new” high-affinity integrins bind with extracellular lig-
ands and recruit proteins to form FAs. In turn, this biological process induces activation
of Rho. Subsequently, the activated Rho diffuses through the cytosol while is simulta-
neously dephosphorylated. These phenomena can be modeled by a diffusion equation
with additional terms that take into account both the dephosphorylation and activation
of Rho:

Ṡ(x, t) = mskT
∂2S(x, t)

∂x2
− kdS(x, t) + Sadd(x, t), (5.9)

where S is the concentration of Rho per unit of volume and the overdot indicates the
time derivative. In this evolution law we have that: the first term on the right side
corresponds to the diffusion of Rho with mobility ms; the second term models the de-
phosphorylation of Rho as a first-order reaction with a forward reaction rate equal to kd
and a negligible reverse reaction rate; and the third term corresponds to the increase of
Rho in response to every increase of ξH . Due to Eq. (5.8), this last term can be defined
as:

Sadd(x, t) =

{
(α/b)ξ̂H if x ∈ Us, tf = n+ 1/2, n ∈ N,
0 otherwise,

(5.10)

such that every increase of concentration of high-affinity integrins corresponds to an
increase of α of activated Rho, distributed over the cellular thickness b.

We observe that Eq. (5.9) was obtained by modifying the evolution law previously
proposed by Pathak et al. (2011) (and see Eq. (C.1) in Appendix C), to enable the
computation of the effects of cyclic strain on the FA intracellular signaling. This equation
could be solved independently, without numerically computing the FA remodeling and,
in particular, its solution could be found analytically by writing the signal as a Fourier
series multiplied by an exponential. The resulting intracellular signal was periodic, due
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to the periodic nature of Sadd(x, t) and the rate of signal dephosphorylation given by
kd, which is known to be very high. For more information, readers are referred to the
section of the Appendix C that focuses on the analytical resolution of Eq. (5.9).

The activated Rho, while diffusing and before being dephosphorylated, unfolds ROCK,
which is later unfolded by ROCK-specific inhibitors. This can be modeled as follows:

Ċ(x, t) = λf [S(x, t)/S0] [1− C(x, t)]− λbC(x, t), (5.11)

where C is the ratio between the concentration of activated ROCK and the maximum
possible value, S0 is the reference concentration of Rho, while λf and λb are the rate
parameters of the unfolding and folding of ROCK respectively.

Due to the temporal periodicity of the intracellular signal S and the slow remodel-
ing of C, it was possible to approximate the solution of Eq. (5.11) by using a similar
approach as reported in chapter 2, thereby further decreasing the computational costs:

C∞(x) =
[
1 + (λbS0)/(λf S̄(x))

]−1
, (5.12)

where C∞ is the asymptotic value of ROCK and S̄ is the average value of Rho over its
period. Further information about the approximation and an analytical expression for
C∞ are present in Appendix C.

5.2.4 SF dynamics

The main components of SFs are F-actin and myosin II proteins, in addition to cross-
linkers. In the resting state, myosin II and F-actin float into the cytosol, until a number
of parallel intracellular signaling pathways induce the formation and contraction of SFs.
For example, it is well established that the Rho-ROCK pathway triggers SF activation.
We thus coupled Eq. (5.12) with an evolution law for the activation level of SFs η,
where we define this term as the ratio of the concentration of polymerized actin and
phosphorylated myosin within a SF bundle to the maximum concentration permitted by
biochemistry.

The evolution law for η proposed by Deshpande et al. (2006) was derived assuming
that η increases proportionally with the concentration of ROCK, while SF dissociation is
initiated when SF stress differs from an isometric value:

η̇(x, φ, t) = kfC∞(x) [1− η(x, φ, t)]−
− kb [1− σ(x, φ, t)/σ0(x, φ, t)] η(x, φ, t),

(5.13)

where φ is the angle between the SF direction and x1 (Fig. 5.1), kf and kb are param-
eters for the forward and backward rates respectively, σ is the current SF stress, and
σ0 = σmaxη is the isometric SF stress (with σmax maximum SF stress).

Since SFs exert tension by means of a biological mechanism similar to sarcomeres
in muscular cells, the ratio between the current SF stress and its isometric value could
be approximated with a simplified version of the Hill equation (Hill, 1938), which has
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been frequently adopted to model this kind of behavior:

σ(x, φ, t)

σ0(x, φ, t)
=


0 if

ε̇(x, φ, t)

ε̇0
< −η(x, φ, t)

kv
,

1 +
kv ε̇(x, φ, t)

η(x, φ, t)ε̇0
if −η(x, φ, t)

kv
≤ ε̇(x, φ, t)

ε̇0
≤ 0,

1 if
ε̇(x, φ, t)

ε̇0
> 0,

(5.14)

with kv non-dimensional parameter regulating the decrease of the ratio when the SF
strain rate ε̇(x, φ, t) differs from a reference value ε̇0. The SF strain rate is related to the
material strain rate with equation ε̇(x, φ, t) = ε̇11 cos2(φ) + ε̇22 sin2(φ) (having assumed
ε̇12 = 0), and the average stress exerted by SFs can be found with a homogenization
analysis:[

σ11 σ12

σ12 σ22

]
= (1/π)

∫ π/2

−π/2

[
σ cos2 φ (σ/2) sin 2φ

(σ/2) sin 2φ σ sin2 φ

]
dφ. (5.15)

In addition to the active stress, we considered the passive elasticity of cells, which was
modeled with a Neo-Hookean constitutive equation:

σpi = E/[4(1 + ν)]J−2(2λ2
i − I1) + E/[2(1− ν)](J − 1), (5.16)

where σpi and λi are the principal passive stress and the principal stretch along the
direction xi, E denotes the Young’s modulus, ν the Poisson’s ratio, and J and I1 are
defined as J = λ1λ2 and I1 = λ2

1 +λ2
2, respectively. As a consequence of Eqs. (5.15) and

(5.16), the total cellular stress Σi (along direction xi) can be obtained adding the active
and passive stresses:

Σi = σii + σpi . (5.17)

Finally, the equation that regulates the mechanical equilibrium in the cell was specified
as

b
∂Σi
∂xi

= ξHF. (5.18)

5.2.5 Summary of the equations and computational approach

In the present study, an approximation was derived for the mathematical model of the FA
intracellular signal used in the study of Vigliotti et al. (2015). In particular, the traffick-
ing of low-affinity integrins was neglected, while integrin thermodynamics (Eqs. (5.1)-
(5.3)) was incorporated into the model by approximating the effects of cyclic strain on
the increase of high-affinity integrins (Eq. (5.8)). Subsequently, an equation for the
diffusion of Rho at every stretching cycle was identified (Eq. (5.9)). This equation
was coupled with the boundary conditions ∂S

∂x (0, t) = ∂S
∂x (L0, t) = 0, resulting from the

symmetries of the problem, and was analytically solved, which considerably decreased
the computational time. Then, the evolution law for ROCK (Eq. (5.11)) was analyti-
cally approximated with Eq. (5.12), thereby further decreasing the computational cost.
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Readers are referred to Appendix C for more details about the resolution and approxi-
mation of Eq. (5.9) and Eq. (5.11). The remaining Eqs. (5.13)-(5.18) for SF remod-
eling and mechanical equilibrium were numerically solved until the achievement of a
homeostatic state. The parameters used for the computational simulations were very
similar to the ones chosen in Vigliotti et al. (2015) and Wei et al. (2008), and are re-
ported in Table 5.1. The computational simulations were repeated for several pitch sizes
(0.05µm≤ L0 ≤ 1µm) and strain amplitudes (0.01 ≤ ε22,max ≤ 0.08), consistent with
Vigliotti et al. (2015) and Prodanov et al. (2010). Similar to this last study, the cyclic
strain frequency was chosen equal to 1 Hz, to mimic physiological conditions.

Table 5.1: Parameters for the computational simulation

Parameters Values Parameters Values

b 1 µm ν 0.45
α 7×10−2 ε̇0 2.8 s−1

λb 1.5× 10−2 s−1 β1 2× 10−2 µm2

µH − µL 5 kT S0 103 molecules×µm−3

E 4 kPa λf 2.5× 105 s−1

kv 2.5× 10−1 ξ0 103 integrins×µm−2

kb 3× 10−3 s−1 ∆n 1.3× 10−1 µm
T 3.1× 102 K σmax 2.5 kPa
ms 104 s(mg)−1 kf 3× 10−2 s−1

kd 7.5× 102 s−1 β2 5× 10−3

ks 15 pN(µm)s−1

5.3 Results

In accordance with the literature, the model predicted that small values of L0 corre-
sponded to a SA behavior of cells, while cells showed a CG behavior for large pitch
sizes. These differences can be explained by the hypothesized influence of L0 on the
FA intracellular signal and, ultimately, on the ROCK profile and SF distributions. For
brevity, the results of these last quantities will be shown only for SFs oriented parallel
and perpendicular to the grooves, as we observed that the results of the remaining SF
orientations varied monotonically from η(x, 0) to η(x, 90). Consequently, the extreme
values of SF activation provide all the information relevant to interpreting the results.

5.3.1 The periodic intracellular signal diffusion

In the mathematical model, we assumed that the amplitude of the cyclic strain ε22,max

does not significantly affect the magnitude of S; therefore, Fig. 5.2 can be considered
as representative for every value of ε22,max.

Several physical phenomena and parameters determine whether a significant amount
of intracellular signal can diffuse all over the pitch. For t = 0 s, which corresponds to
the moment of initiation of the signal, S was initially nonzero only on a small part of
the ridges with a magnitude equal to max(S(x, 0)) = (α/b)ξ̂H (Fig. 5.2a-5.2b), with
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Figure 5.2: (a-b) Profile of the signal S on a pitch for a full period of 1s, for different groove
sizes. (c-d) Signal S in the middle of the groove for different groove sizes just after
the initiation of the signal. The value t = 0 s corresponds to the moment of initiation
of the signal.

this quantity increasing with L0 (Eqs. (5.7)-(5.10)). From this region, the signal dif-
fused towards the middle of the grooves and ridges present in the substrate while, in
addition, it decreased homogenously over time due to signal dephosphorylation (Fig.
5.2a-5.2b). Therefore, in case of slow diffusion compared to dephosphorylation and
for large groove sizes, the amount of intracellular signal that reached the middle of the
grooves was negligible (Fig. 5.2d).

5.3.2 The asymptotic profile of ROCK C∞

As determined by Eqs. (5.11) and (5.12), the asymptotic profile of C∞ is largely de-
pendent on the intracellular signal S and correspondences between their graphs can be
identified (Fig. 5.3). First, since the intracellular signal started diffusing from the ridges,
the maximum value of C∞ was located in that region. Second, similar to max(S(x, 0)),
max(C∞) increased with L0 and was independent of the magnitude of ε22,max. Finally,
similar to S(L0/2, t), the value of C∞ in the middle of the grooves decreased when L0

increased.
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Figure 5.3: Representation of values of the SF activation level for the direction parallel (η90,
green) and perpendicular (η0, blue) to the grooves and spatial distribution of C∞
(red) for different pitch sizes and strain amplitudes.

5.3.3 The activation level of SFs perpendicular to the strain and
grooves η0

As shown in Fig. 5.3, η0 appeared to be scarcely dependent on ε22,max but strongly
dependent on L0. This behavior is a consequence of Eq. (5.13) and Eq. (5.14), which
describe the dependence of the SF activation level on C and the strain rate. In particular,
Eq. (5.13) determines that η0 increases proportionally with C∞, which is in turn largely
dependent on L0. On the other hand, Eq. (5.13) and Eq. (5.14) together dictate that
a decrease in SF activation level is caused only by compressions along the specific SF
direction. Since the applied stretch ε22,max was perpendicular to the direction of η0 and
resulted only in a low strain along x1, the amplitude of the applied stretch ε22,max hardly
affected the value of η0.

Consequently, η0 was almost maximal on every point where C∞ � 0. In particular,
it was uniformly high for L0 = 0.05 µm (Fig. 5.3a-5.3b) while, for L0 = 1 µm, the
value of η0 was approximately zero in the middle of the pitch (Fig. 5.3c-5.3d), similar
to C∞. It is worth noticing that in the middle of the ridges η0 = 1, although we do
not have C∞ � 0. This occurs because in this region ε̇11 = 0, so there was no SF
depolymerization perpendicular to the grooves in this region, and even a very small
value of C∞ asymptotically induced the maximal value of η0 (Eqs. (5.13) and (5.14)).
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5.3.4 The activation level of SFs parallel to the strain and grooves
η90

The activation level of SFs parallel to the strain and grooves (labeled with η90) was al-
ways lower than η0 (Fig. 5.3) because the cyclic strain was applied along the associated
direction. Consequently, the difference between η0 and η90 increased with ε22,max. It can
also be noticed that the decrease in η90 caused by the applied stretch was lower when L0

increased. This occurred because C∞ was larger above the ridges in those simulations,
and thus cells tended to polymerize more SFs in that region, thereby counteracting the
depolymerization induced by the applied stretch (Fig. 5.3b,5.3d).

5.3.5 Interpretation of the computational results

Fig. 5.4 shows the SF activation levels η0 and η90 on a square with dimensions 2L0 ×
2L0 to describe how the profiles of the activation levels may lead to a specific cellular
alignment as a consequence of the mechanisms described in the previous sections. In
particular, to interpret the SF activation levels in terms of global cellular orientation, we
hypothesized that cells prefer to orient towards the direction(s) along which they can
form long SF bundles, which correspond to the directions for which the SF activation
levels are continuously nonzero.

Figure 5.4: Representation of the SF activation level on a square of dimension 2L0 × 2L0. The
model is explicitly 1D, in x1, and assumes constant levels of SFs and FAs in x2. The x2
dimension is added here for clarity. The values of the SF activation level for the direc-
tion perpendicular ( η0, first and third columns) and parallel ( η90, second and fourth
columns) to the grooves are shown for different groove sizes and strain amplitudes.
In the figure, the dashed lines correspond to the direction of the grooves, while the
solid lines to the direction of the represented SF activation level.

Starting from the smallest pitch size (0.05 µm), Figs. 5.4a and 5.4b show that the
SF distribution was isotropic for low values of ε22,max, since the predicted SF activation
levels lead to long SF bundles in both directions. In fact, both η0 and η90 were continu-
ously nonzero along their associated directions (x1 and x2 respectively), indicating the
formation of long SFs perpendicular and parallel to the grooves. On the other hand,
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for ε22,max = 0.08 (Fig. 5.4c and 5.4d), the SF distribution is likely to be anisotropic
due to the different responses of η0 and η90 to the applied stretch. Specifically, while η0

was still continuous and maximal along its direction, η90 decreased considerably due to
the applied strain. Thus, for this combination of pitch size and strain magnitude, the
phenomenon of SA was predicted to be dominant over CG.

For larger pitch sizes, CG was predicted to become dominant over SA. In fact, for
L0 = 1 µm, the increase of ε22,max did not cause significant changes in the SF activation
levels (see Fig. 5.4e versus Fig. 5.4g, and Fig. 5.4f versus Fig. 5.4h). In the middle
of the grooves, for both pitch sizes and all strain magnitudes, η0 and η90 were both
equal to zero, while their values were almost maximal above the ridges. Consequently,
while η90 was continuous along its direction and maximal above the ridges, η0 was
not continuously nonzero along the direction of the pitch. For these reasons, cells on
substrates with large grooves are more likely to form long SF bundles only along the
direction of these patterns, independently of the applied strain amplitude, implying that
CG is dominating SA under these conditions.

5.3.6 SA for small grooves and CG for large grooves

When min(η0) 6= 0, then η0 is continuously nonzero along the pitch. On the other hand,
when max(η90) > 0, then η90 > 0 above the ridges in proximity of the grooves and it
is continuous due to the hypotheses of the mathematical model. Therefore, due to the
previous observations, determining max(η90) is sufficient to identify when we have long
parallel SF bundles, while min(η0) is important for perpendicular SFs.

Due to these observations, a representation of the interpretation of the results (Fig.
5.5) can be obtained drawing two lines for every computational simulation: the vertical
lines are proportional to the average of η90 along the direction of the grooves calculated
in x1 = L0/4, as a reference value, while the horizontal lines are proportional to the
average of η0 along the pitch. This last quantity was set equal to zero when η0 = 0 in
the middle of the pitch, due to the fact that η0 has to be continuous to induce long SFs
along that direction.

Fig. 5.5 shows that the numerical simulations predicted SA for pitch sizes L0 ≤ 0.15
µm, with the degree of cell (re)orientation proportional to the strain amplitude, and CG
for values L0 ≥ 0.25 µm.

5.3.7 The transition phase

Interestingly, for the pitch size L0 = 0.2 µm, an enhancement of the effects of CG by the
cyclic strain was predicted. For the pitch size L0 = 0.2 µm and ε22,max = 0.01, Fig. 5.6a
shows that min(η0) 6= 0 and max(η90) > 0, and thus long SF bundles can form along
both x1 and x2. Since the average of η0 and η90 are comparable (Fig. 5.5), in this case
the cellular orientation was predicted as isotropic. Conversely, as shown in Fig. 5.6b,
when ε22,max = 0.08 the values of η0 were zero in the middle of the pitch; consequently,
η0 was not continuously nonzero along its specific direction. Therefore, according to
the interpretation that we proposed, cells are likely to align parallel to the grooves. In
conclusion, in the case L0 = 0.2 µm, our simulations predicted an isotropic alignment
for ε22,max = 0.01 and an alignment with the grooves for ε22,max = 0.08 (and therefore
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Figure 5.5: Overview of the results for different pitch sizes and strain amplitudes. The vertical and
horizontal lines are proportional to the average of, respectively, η90 and η0 along their
specific direction, where x1 = L0/4 was chosen as representative location for η90. In
addition, the average of η0 was set to zero if η0 = 0 in the middle of the grooves, as
SFs are not able to form when the activation level is discontinuous.

CG), which is opposite to the behavior observed for smaller grooves, for which strain
overruled CG in case of large amplitudes.

5.4 Discussion

The aim of this study was to enhance our understanding of the mechanisms that deter-
mine the (re)orientation of cells in response to both mechanical and topographical stim-
uli. Our main hypothesis was that, under these conditions, the final cellular orientation
is determined by a combination of FA intracellular signal diffusion and mechanical cues
that affect the polymerization and depolymerization of SFs, respectively. To confirm our
hypothesis, we adapted the computational framework proposed by Vigliotti et al. (2015)
to study the remodeling of SFs and FAs in cells cultured on cyclically stretched grooved
surfaces. In addition, we physically approximated some of the equations present in the
original mathematical model to avoid excessive computational costs.

The computational simulations predicted that cells mainly respond to mechanical
stimuli when cultured on surfaces having pitch sizes L0 ≤ 0.15 µm, while they show a
CG behavior for pitch sizes L0 ≥ 0.25 µm. In particular, when L0 ≤ 0.15 µm, the results
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Figure 5.6: Representation of the values of the SF activation level for the direction parallel ( η90,
green) and perpendicular (η0, blue) to the grooves and the spatial distribution of C∞
(red) for L0 = 0.2µm and for different strain amplitudes.

showed that cells tend to orient perpendicular to the topographical patterns and the
applied cyclic strain, with the strength of this alignment proportional to the cyclic strain
amplitude. On the other hand, for L0 ≥ 0.25 µm the simulations predicted a cellular
alignment parallel to the direction of the grooves and the mechanical stimuli, regardless
of the strain amplitude, due to the effects of CG.

The computational results can be explained considering the hypothesized character-
istics of the FA intracellular signal, which was produced on a small portion of the ridges
and then diffused through the whole pitch. When the pitch size was small, significant
signal could reach the middle of the grooves through diffusion. As a consequence, SFs
polymerized in a spatially homogenous fashion, without exhibiting significant effects
due to the topographical patterns. In these conditions, the only asymmetry in SF forma-
tion was caused by the compression along the grooves, which led to SA in case of high
strain magnitudes. In contrast, when the pitch size was large, a significant amount of
FA intracellular signal was dephosphorylated before reaching the middle of the grooves,
and thus SF polymerization was not induced in this region. Thus, the activation level
of SFs perpendicular to the grooves was predicted to be discontinuous along the corre-
sponding direction. Due to this discontinuity, cells cannot form long SFs along direction
x1. On the other hand, in case of large pitch sizes, despite the presence of compression,
long SFs parallel to the ridges were predicted to form due to the high FA intracellular sig-
nal production, and thereby SF polymerization, above the ridges, which dominated the
SF depolymerization due to the cyclic strain. In conclusion, in this case cells formed long
SFs only parallel to the grooves and responded to CG by aligning along these patterns.

Verifying the computational results is challenging, due to the lack of experimental
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data on the behavior of a single cell type with multiple groove sizes and strain ampli-
tudes. Nevertheless, we can observe that the results obtained for very small and large
patterns are qualitatively in agreement with the experiments of Prodanov et al. (2010),
who observed that osteoblast-like cells exhibit SA behavior when cultured on relatively
small grooves, and CG behavior in case of large grooves. On the other hand, when quan-
titatively compared, the model predictions do not match perfectly with the experimental
observations. For example, the threshold between SA and CG is predicted for a differ-
ent size than the one expected analyzing the results of Prodanov et al. (2010). These
differences might be smaller in case of a different set of model parameters, but quan-
titatively matching one set of experimental results was not the aim of our study, which
was focused on the general cellular behavior and not on a specific cell type. Moreover,
Prodanov et al. (2010) applied a different cyclic strain profile than the one used in the
present study, which might have affected the results. In particular, they applied an inter-
mittent cyclic strain instead of a continuous one, and this difference is known to affect
the behavior of cells (Winter et al., 2003). In addition, changing the model parameters
to match specific experimental results might be challenging, due to the large number
and high level of interdependency of the parameters. The mathematical model adopted
in this study considers several complex biological phenomena, which was essential to
capture the effects of both mechanical and topographical stimuli but, at the same time,
implied that many model parameters were necessary. Due to these considerations, the
original parameter values were used, also to maintain the similarities with the studies
of Wei et al. (2008) and Vigliotti et al. (2015).

Interestingly, for a pitch size equal to 0.2 µm the simulation results suggested that
the applied cyclic strain contributes to CG together with the topographical cues, rather
than inducing SA. In fact, for this pitch size and low levels of strain, cells were predicted
to be slightly aligned along the direction perpendicular to the strain and grooves (SA),
while for larger strain amplitudes, only SFs parallel to the grooves were able to form
(CG). This phenomenon was a consequence of the characteristics of the FA intracellular
signal diffusion and the mechanical properties of the cellular cytoskeleton. For this pitch
size, the intracellular signal was able to reach the middle of the grooves sufficiently to
induce a significant SF polymerization in this region. At the same time, due to the
cytoskeleton elasticity, a small portion of the cyclic strain applied along the direction
of the grooves was transmitted perpendicularly, causing SF depolymerization in this
direction. For small levels of strain, this depolymerization was not sufficient to cause the
disassembly of SFs perpendicular to the grooves, and thus cells aligned perpendicularly
to the direction of stretch (SA). On the other hand, for larger strain amplitudes, the
perpendicular SFs were completely depolymerized in the middle of the grooves, and
therefore they could not form anymore due to the discontinuity of the SF activation
level along their direction. As a result, for large strain amplitudes cells were predicted
to be oriented parallel to the topographical patterns (CG).

The enhancement of CG due to cyclic strain suggested by the numerical predictions
has never been directly observed in experiments, and its experimental verification may
be complex. It is however interesting to notice that Prodanov et al. (2010) reported
that cyclic strain applied to substrates with 1 µm-wide grooves diminished the number
of cells aligned perpendicular to the strain and topographical patterns compared to the
one observed under static conditions. Therefore, this result may support our prediction
that cyclic strain enhances the effects of CG for specific conditions. On the other hand,
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the experimental results of Wang and Grood (2000) suggest that a further increase of
strain amplitude might stop the enhancement of CG by mechanical stimuli and cause
realignment of cells in response to strain. In their experiments, they observed that hu-
man skin fibroblasts cultured on 1 µm wide grooves did not respond to strain with strain
amplitudes lower than 8%, while they realigned in response to mechanical stimuli when
cyclically strained with 12% strain amplitude. With the mathematical model proposed
in the present study, predicting this kind of behavior is not possible. This qualitative
difference might be explained by the relationship between the amplitude of the strain
and the FA intracellular signal hypothesized in the mathematical model. In our study,
we assumed that the dependency between strain amplitude and FA intracellular signal
magnitude is negligible, while this might not be the case when very large strains are
applied. The exact relationship between the amplitude of the strain and the FA intracel-
lular signal magnitude could be investigated in future experimental studies. This would
then enable the refinement of our model assumption and numerical predictions. In ad-
dition, although some interaction between the different orientations of stress fibers is
likely to occur, we ignored these interactions in the present study, as this phenomenon
was assumed negligible in the original model of Deshpande et al. (2006). Considering
the capability of this model in capturing many cellular behaviors, we decided not to
modify its assumptions in our study, although it could still be a subject of future work.

In the methods, to motivate the assumptions that led to the equations, we associated
the FA intracellular signal S to the concentration of Rho, while C was related to the
concentration of ROCK, with consequent SF activation. On the other hand, we can also
interpret the model as a mathematical abstraction of the signaling pathway that leads to
the opening of stress-activated calcium channels (SACCs) and subsequent SF formation.
Thodeti et al. (2009) showed that, during the remodeling of endothelial cells in response
to cyclic strain, an increase of calcium influx through SACCs is induced by mechanical
strain to bound integrins. This occurs in a similar fashion as in our model. Here, once
identified the variables S and C as IP3 ions and Ca2+ respectively, we have that: (i)
mechanical stimuli of high-affinity integrins induce an increase of IP3 ions; (ii) IP3 ions
diffuse through the cytosol and stimulate the opening of SACCs and an increase of Ca2+

influx; (iii) a higher concentration of Ca2+ stimulates the activation of SF contraction.
Thus, it may be possible that our simulations match with the experimental results be-
cause they approximate the function of SACCs. However, experimental studies aimed
at unraveling whether SACCs are a determinant of cellular (re)orientation have shown
contradictory results. For instance, while Standley et al. (2002) observed reorientation
of rat vascular smooth muscle cells in response to cyclic stretch even when SACCs were
inhibited, this was not the case for Hayakawa et al. (2001), who showed that inhibi-
tion of SACCs with gadolinium can restrain cellular orientation. Nevertheless, in this
last study, reorientation of SFs was obtained, phenomenon known to be the first step
towards cellular realignment. Due to the uncertainty of the exact biochemical processes
involved in the interplay between mechanical and topographical stimuli, we decided to
focus first on whether or not signal diffusion would at least be able to describe exper-
imental findings; regardless of the specific biochemical pathway involved. Of course,
a more detailed investigation of the underlying processes is very worthwhile for future
studies.

In the present study, the computational method and assumptions were focused on
substrates with parallel grooves or lines created with a microcontact printing technique.
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These substrates are characterized by a spatial homogeneity along the direction of the
patterns, which was used to prevent excessive computational costs. The competition
between SA and CG has also been observed with different experimental conditions,
e.g. with cells positioned on top of elliptic microposts stretched along their long axis
(Tamiello et al., 2015). With those experiments, it was demonstrated that cap and
basal actin fibers respond differently to mechanical and topographical stimuli. Unfor-
tunately, simulating these experiments with the computational framework used in the
present study is challenging due to excessive computational costs associated with the
three-dimensional nature of the problem. Similarly, simulating experiments where cells
are surrounded by extracellular matrix or collagen gels is not currently feasible with
this computational method, due to the difference of spatial scales between the FAs and
the whole tissue. For these situations, the development of continuum or multiscale ap-
proaches might be necessary. Nevertheless, our study can be useful to gain the necessary
information to develop these continuum or multiscale computational frameworks.

5.5 Conclusion

The present study suggests that the interaction between FA intracellular signal diffusion
and mechanical cues is important in the context of cellular realignment in response to
both mechanical and topographical stimuli. The computational results demonstrated
that the mechanisms previously suggested by Vigliotti et al. (2015) represent a possible
explanation not only for solely CG, but also for its competition with SA. In addition, the
computational simulations suggested that, under certain conditions, mechanical stimuli
can actually enhance the effects of topographical stimuli, and this behavior could be
verified by means of new experimental protocols.



Chapter 6

Contact guidance of cells can be
explained by cellular free-energy
minimization and homeostasis

When seeded on substrates with topographical or biochemical linear patterns, cells re-
model and tend to align in the direction of these cues, a phenomenon known as contact
guidance. This phenomenon can be observed also in vivo, where cells coalign with
collagen fibers. Nevertheless, the underlying mechanisms and biophysical stimuli deter-
mining this cellular reorientation response are poorly understood. To increase our un-
derstanding, we propose a statistical framework with the following main features. Each
cellular configuration is associated with a Gibbs free-energy consisting of a summation
of the energies associated with the cellular cytoskeleton, adhesions, and elasticity of
the other cell components. It was assumed that, over the time-scale of seconds, cells
prefer morphologies with a low free-energy while, over the time-scale of minutes, cells
tend to conserve a cellular homeostatic state by varying their morphology maintaining
a constant average free-energy. We hypothesized that contact guidance may result from
the interplay between cellular free-energy minimization and homeostasis at different
time-scales. This hypothesis was tested by performing and simulating experiments with
cells cultured on substrates with alternating adhesive and non-adhesive lines of various
widths. The computational and experimental results were qualitatively in agreement
in terms of cellular orientation, aspect ratio, and number of adhesive lines touched by
cells. Consequently, this study suggests that contact guidance can be a result of cellular
energy minimization and homeostasis.

This chapter is based on:
T. Ristori, A.B.C. Buskermolen, S.S. Shishvan, N.A. Kurniawan, C.V.C. Bouten, F.P.T. Baaijens, S. Loer-
akker, V.S. Deshpande. Contact guidance of cells can be explained by cellular free-energy minimization and
homeostasis, in preparation
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and homeostasis

6.1 Introduction

Cells in three-dimensional collagenous tissues tend to align along the local direction of
the surrounding collagen fibers (Guido and Tranquillo, 1993; de Jonge et al., 2014), a
phenomenon often referred to as contact guidance (Weiss, 1945). To understand this
phenomenon, several in vitro experiments have been performed. Such experiments
have demonstrated that cells can respond to both topographical and biochemical cues
by remodeling their shape and cytoskeleton. For example, cells cultured on micro/-
nanogrooved surfaces respond to these topographical cues by aligning parallel to the
groove direction (den Braber et al., 1996; Walboomers et al., 1999, 2000; Teixeira et al.,
2003; Sarkar et al., 2005; Loesberg et al., 2007; Lamers et al., 2010; Dreier et al., 2013;
Saito et al., 2014; Pilipchuk et al., 2016). Similarly, when surfaces exhibit linear chem-
ical patterns, such as microcontact-printed adhesive lines alternated with non-adhesive
lines with a negligible line height, cells orient their main direction and stress fibers along
these patterns (Zimerman et al., 2004; Kalinina et al., 2008; Alford et al., 2011; Williams
et al., 2011). Nonetheless, the underlying mechanisms and the biophysical stimuli de-
termining cellular alignment in the direction of these topographical and biochemical
cues are still unclear.

Over the years, based on experimental results, several theories have been proposed
to explain contact guidance (Weiss, 1945; Dunn and Heath, 1976; Ohara and Buck,
1979; Curtis and Clark, 1990; Teixeira et al., 2003; Fujita et al., 2009; Loosli et al.,
2012; Vigliotti et al., 2015). Nevertheless, the identification of a single mechanism
determining this phenomenon is extremely difficult because several processes seem to
contribute at different length scales, with the involvement of both cell adhesions (such
as focal adhesions) (Curtis and Clark, 1990; Teixeira et al., 2003; Ventre et al., 2014;
Vigliotti et al., 2015) and cytoskeletal structures (such as actin stress fibers) (Vigliotti
et al., 2015). The theories that currently receive most attention can be divided into three
groups (Tamiello et al., 2016).

i Mechanical restriction theory: contact guidance arises when grooves or non-adhesive
lines are wide enough to cause a mechanical restriction (Dunn and Heath, 1976)
for the stabilization of filopodia (Teixeira et al., 2003), lamellipodia (Loosli et al.,
2012), or protrusions (Fujita et al., 2009), or for the formation of mature stress
fibers (Vigliotti et al., 2015). Due to this mechanical restriction, these cellular
structures involved in cellular migration align along the lines, thereby determin-
ing cellular alignment.

ii Focal adhesion theory: contact guidance occurs when ridges or adhesive lines
large enough to guide mature focal adhesions along the lines (Ohara and Buck,
1979), yet thin enough to inhibit focal adhesion maturation in the perpendicular
direction (Ventre et al., 2014). The alignment of mature focal adhesions entails
the orientation of stress fibers and the cellular body in the same direction.

iii Discontinuity theory: cells are induced to form adhesions close to the interfaces
between non-adhesive and adhesive parts of the patterned substrate, i.e. edges of
ridges or adhesive lines (Curtis and Clark, 1990). In turn, these adhesions stimu-
late high actin polymerization in these areas. Due to the limit of actin availability
in the entire cell body, high concentrations of actin monomers can be found only
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in proximity of these interfaces. Therefore, cells can recruit actin monomers to
change their shape and actin network only in these areas with high-density actin.
This indirectly guides cells to migrate close to the interfaces in the patterned sub-
strates, inducing a discontinuity-walking that eventually determines contact guid-
ance.

Recently, computational models have been developed to investigate theory (i) while,
to our knowledge, the focal adhesion theory (ii) and the discontinuity theory (iii) are
currently computationally untested. For example, by developing a computational model
for cellular spreading, Loosli et al. (2012) showed that contact guidance can arise if
cells are assumed to form stable lamellipodia with a limited length (theory (i)). Al-
though their numerical algorithm could successfully predict experimental observations
reported in the literature (Zimerman et al., 2004), their hypotheses were mainly phe-
nomenological. For instance, no biological motivation was given for the limited length
of lamellipodia formation. In another recent study, Vigliotti et al. (2015) proposed that
contact guidance is a result of the complex interplay between focal adhesion formation,
intracellular signaling diffusing from focal adhesions, and stress fiber remodeling. In
particular, they hypothesized that this interplay hinders the formation of stress fibers
perpendicular to the substrate patterns when the grooves or non-adhesive lines are too
large (theory (i)). To test this hypothesis, they developed a computational framework
to simulate the stress fiber and focal adhesion interplay occurring in cells seeded on
nanogrooves. The simulations demonstrated that the proposed theory provides a po-
tential explanation not only for contact guidance, but also for the dependence of this
phenomenon on the size and spacing of the nanogrooves. Nevertheless, the proposed
computational framework presents some limitations. First, it is limited to groove sizes
that are very small compared to the cell size. Secondly, although it can predict the cel-
lular main alignment and stress fiber organization, it does not consider other cellular
characteristics such as aspect ratio and area.

Here we introduce a new statistical approach to simulate cells on multiple adhesive
lines. To overcome the limitations of previous computational studies, we aimed at devel-
oping a statistical framework based on thermodynamics and biological principles, with
no limitations in terms of pattern sizes, and able to predict not only cellular orientation,
but also cell area and aspect ratio. An increasing number of computational studies on
cellular remodeling are based on the main hypothesis that the probability for a cell on
a substrate to obtain a certain shape and orientation increases when the free-energy
associated with this specific configuration decreases (Vianay et al., 2010; Jiang et al.,
2014; Livne et al., 2014; Mcevoy et al., 2017; Shishvan et al., 2017). This hypothesis
has proven to be successful to explain the spreading of cells on smooth (Mcevoy et al.,
2017) or patterned substrates (Vianay et al., 2010), and cellular reorientation in re-
sponse to cyclic strain (Jiang et al., 2014; Livne et al., 2014). However, considering only
this hypothesis would lead to a deterministic model, not able to predict the fluctuations
of cellular shapes and orientations observed in the experiments.

Some studies quantified the level of fluctuations of cellular shapes with a value T ,
fitted with the experimental results, and envisioned as an effective temperature (Vianay
et al., 2010), but this approach lacks a biological motivation. Therefore, Shishvan et al.
(2017) have recently enriched the hypothesis of energy minimization with the concept
of cellular homeostasis. Motivated by the observation that, in between cell cycles, cells
keep a constant concentration of fundamental species in the cell body (Weiss, 1996),
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they hypothesized that cells strive to reach a homeostatic level of total Gibbs free-energy
that is favorable for cellular processes, such as spreading and migration. As shown in
their study, this hypothesis enables the quantification of the level of fluctuation of cellu-
lar shapes without a fit with experimental results. In fact, this assumption entails that
cells remodel their shape and intracellular structures to the level necessary to maintain
an average free-energy that is equal to the homeostatic value, which is defined as the
average free-energy of a free-standing cell. By considering both the hypotheses of free-
energy minimization and homeostasis, Shishvan et al. (2017) were able to predict and
explain the different cellular shapes acquired by cells on substrates with different stiff-
ness. Furthermore, in a subsequent study (Buskermolen et al., 2017b), these hypotheses
were successfully applied to simulate cells constrained on single adhesive lines.

In the current study, we extended the statistical framework of Shishvan et al. (2017)
to predict the shape and orientation of cells on multiple adhesive lines. Briefly, the to-
tal cellular free-energy was computed by considering the energies connected with the
actin cytoskeleton, cell adhesions, and the passive elasticity of other cellular compo-
nents, such as the cytoplasm and nucleus. The average free-energy of a cell, over all its
possible morphologies and positions on the patterned substrate into consideration, was
computed via Markov Chain Monte Carlo sampling (Brooks et al., 2011) by varying the
cell shape and internal deformations. Each simulation resulted in a collection of cellu-
lar shapes, from which the cellular orientation, aspect ratio, and area were extracted.
The statistics of this dataset were then compared with experimental results obtained by
culturing cells on a substrate with fibronectin lines with varying line and spacing widths.

6.2 Methods

In this section, we briefly describe the concepts of our statistical framework, building
on the work of Shishvan et al. (2017) and highlighting the parts that are especially
relevant or that were adapted for the modeling of myofibroblasts on a surface with
alternating adhesive and non-adhesive lines. For a complete overview, we refer the
reader to Appendix D and the previous studies that set the theoretical basis for this work
(Vigliotti et al., 2016; Shishvan et al., 2017). In what follows, we refer to: “the cell”, to
indicate a generic cell which behavior we want to model; “the substrate”, as a generic
substrate with alternating adhesive and non-adhesive lines; “cellular configuration”, to
indicate the mapping of the material points of the cell on the substrate; and “the system”,
as the system composed of the cell and the substrate.

6.2.1 Characterization of a configuration

To simulate cells on planar substrates, cells can be approximated as two-dimensional
bodies in the x1 − x2 plane, with through-thickness stress Σ33 = 0, that are remodeling
on a surface. The coordinates of each material point of the cell in the undeformed config-
uration are indicated withX, where we have omitted the index referring to all different
material points of the cell for brevity of notation. The cell in the undeformed configura-
tion is assumed to have the shape of a circle of radius R0 and thickness b0 = R0/5. The
other configurations can be characterized by the displacements of each material point
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u(j)(X) ≡ u(j), such that

x(j) = X + u(j) (6.1)

are the coordinates of the material points of the cell in the configuration with index (j).
In Shishvan et al. (2017), the coordinates x(j) did not correspond automatically to

an equilibrium configuration of the cell with the substrate. In their study, for each set
of displacements taken into consideration, the corresponding equilibrium configuration
with coordinates x(j)

eq was computed based on the magnitude of cellular forces and the
substrate stiffness. In our case this is not necessary because we aim to model cells on
patterned substrates which are very stiff. Due to the extremely high stiffness of the sub-
strate, we can assume that the deformations of the substrate caused by cellular forces
are negligible. This implies that, if x(j) corresponds to a coordinate on the substrate
with an adhesive line, then it can be assumed that the cell forms a cell adhesion in that
point such that x(j)

eq = x(j). On the other hand, if x(j) corresponds to a non-adhesive
line, cell adhesions are not present in that point. Therefore, in theory, the correspond-
ing x(j)

eq should be computed by considering both the fixed points x(j)
eq corresponding to

adhesions, and the mechanical equilibrium between the active cytoskeletal forces that
deform the free points of the cell and the passive cellular forces. This would require
a considerable computational time for each single configuration and consequently an
excessive computational time to explore the space of all possible configurations and de-
termine their probabilities. An approximation is therefore needed. In this study, we
assume that cells can form adhesions everywhere, both on adhesive and non-adhesive
lines, and that the elastic forces of these adhesions can mechanically equilibrate the ac-
tive and passive forces of the cell. Importantly, to capture the effects of adhesive and
non-adhesive lines, we assume that the adhesions that cells can form on non-adhesive
points are much weaker compared to cell adhesions on adhesive lines. This has conse-
quences in terms of cellular energy, which make our assumptions acceptable for the aim
of this study. Before describing these assumptions and consequences in more detail, we
shall introduce the total Gibbs free-energy of a configuration (j). For now, we emphasize
that these assumptions enable us to state that x(j)

eq = x(j) for every material point of the
cell.

6.2.2 The Gibbs free-energy of a configuration (j)

Shishvan et al. (2017) showed that each cellular configuration (j) can be associated
with a Gibbs free-energy level G(j) of the system (see Appendix D, section D.1.1). This
energy can be computed as (Keener and Sneyd, 2009; Shishvan et al., 2017):

G(j) =

∫
Vcell

[e− Ts]dV +

∫
Vsub

edV. (6.2)

Here, T is the absolute temperature; Vcell and Vsub denote the volumes of the cell and
the substrate, respectively; e is the specific internal energy; and s is the specific entropy.
The substrate is assumed to be purely elastic and rigid. Due to the rigidity, we assumed
that cells cannot deform the substrate, and therefore

∫
Vsub

edV = 0. From this it follows
that the energy can be written as

G(j) =

∫
Vcell

[e− Ts]dV =

∫
Vcell

fdV, (6.3)
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where f = e − Ts is the specific Helmholtz free-energy of the cell. This quantity can
be approximated with models with different degrees of complexity, depending on the
scope of the study. For example, Shishvan et al. (2017) considered cells as mainly
composed of two types of components: active components, such as actin stress fibers;
and passive elastic components, such as intermediate filaments, microtubules, and the
cellular membrane. With that assumption, the Helmholtz free-energy can be written
as f = fcyto + Φelas, where fcyto and Φelas are the specific Helmholtz free-energies
associated with the active and passive components of the cell, respectively. In our study,
an additional term is introduced to account for the particular properties of the substrate
with alternating adhesive and non-adhesive lines. In this kind of substrates, in the
experiments, cells can easily form adhesions on the adhesive lines, while the formation
of cell adhesions on the non-adhesive lines is obstructed. To take this heterogeneity of
the substrate into account, we considered the contribution that cell adhesions have on
the Helmholtz free-energy of the cell, such that

f = fcyto + Φelas + fadh, (6.4)

where fadh is the specific Helmholtz free-energy of cell adhesions. The terms fcyto
and Φelas were computed as in Shishvan et al. (2017), respectively by using the model
of Vigliotti et al. (2016) to compute the energy fcyto associated with the stress fiber
cytoskeleton (see Appendix D, section D.1.3), and by adapting the three-dimensional
Ogden hyperelastic model (Ogden, 1972) to a two-dimensional situation to capture the
passive energy Φelas (Appendix D, section D.1.3). In what follows, we focus on the
derivation of the energy fadh associated with cell adhesions.

6.2.3 The Helmholtz free-energy of a cell adhesion

Cell adhesions on the substrate were modeled as linear springs. In particular, we as-
sumed that every material point of the cell is attached to a point of the substrate by
a linear spring with a specific stiffness, and that this stiffness depends on the density
of ligands present on the point of the substrates. On the one hand, material points
with coordinates x(j) corresponding to an adhesive line on the substrate had a linear
spring with stiffness ka. On the other hand, material points with coordinates x(j) on a
non-adhesive line corresponded to a linear spring with stiffness kn, where we assumed

ka � kn, (6.5)

because cells on adhesive lines can form much stronger adhesions than on non-adhesive
lines. The specific Helmholtz free-energy of each adhesion can then be computed as

fadh =


(F (x(j)))2

2ka
, if x(j) is adhesive,

(F (x(j)))2

2kn
, if x(j) is non-adhesive,

(6.6)

where F (x(j)) is the magnitude of the force that the linear spring has to exert to equili-
brate the interaction between the cytoskeletal and elastic forces of the cell in the mate-
rial point at coordinates x(j). Given a specific configuration, these traction forces can be
computed by first calculating the forces of the stress fiber cytoskeleton (from the stress
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fiber stress defined in Eq. (D.33), Appendix D) and the passive forces in the cell (from
the passive stress defined in Eq. (D.34), Appendix D), the sum of which equals the resid-
ual forces T (x(j)) of the cell in the point x(j). Mechanical equilibrium then dictates that
the forces F (x(j)) are equal to the opposite of the residual forces: F (x(j)) = −T (x(j)).
Now that the specific Helmholtz free-energy of a cell adhesion has been defined, which
completes the identification of the total Gibbs free-energy, we can determine the proba-
bility associated with the energy of a specific configuration.

6.2.4 The probability of a configuration

The configurations of the system comprising the cell and the substrate fluctuate over
time. Despite that, Shishvan et al. (2017) showed (Appendix D, section D.1.2) that the
property of cellular homeostasis translates to the constraint that, over the long term,
the system reaches a homeostatic equilibrium such that the average Gibbs free-energy is
maintained at a level equal to a homeostatic energy Ḡ, depending on the cell type. This
homeostatic energy can be computed for a free-standing cell of a specific cell type and
then enforced for cells (of the same type) that are in contact with the substrate under
consideration.

In classical statistical mechanics, the probabilities of configurations for which the
system is in equilibrium are computed by entropy maximization considering appropriate
constraints. Similarly, in our case, by enforcing the homeostatic energy constraint for
the maximization of the entropy (Appendix D, section D.1.1), Shishvan et al. (2017)
demonstrated that a configuration with energy G(j) has probability

P (j)
eq =

1

Z
exp

[
−ζG(j)

]
(6.7)

where Z =
∑
j exp

[
−ζG(j)

]
is the partition function and ζ is a constant such that∑

j

P (j)
eq G

(j) =
1

Z

∑
j

G(j) exp
[
−ζG(j)

]
= Ḡ. (6.8)

This constant ζ correlates with the average magnitude of the fluctuations of the energy
of a cell on a specific substrate; specifically, this average magnitude is proportional to
1/ζ. Considering the similarities with the concept of temperature T , which is related to
the variability of configurations in terms of classical statistical mechanics, 1/ζ is referred
to as homeostatic temperature (Shishvan et al., 2017). Since this quantity is a charac-
teristic of the interaction between the cell and the substrate, it must be computed for
each different cell type and substrate.

Before explaining how to compute the homeostatic temperature, we shall observe
that, due to Eqs. (6.5)-(6.7), configurations with high traction forces applied by the cell
on points of the substrate with non-adhesive lines correspond to very low values of P (j)

eq .
In fact, by substituting Eq. (6.5) in Eq. (6.6), the assumption ka � kn, translates to

(F (x(j)))2

2kn
� (F (x(j)))2

2ka
. (6.9)

Consequently, exerting forces on the springs located on non-adhesive lines causes a
strong increase of the Helmholtz free-energy of cell adhesions fadh and the total Gibbs
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free-energy G(j) in general. Increases of the Gibbs free-energy correspond to decreases
of P (j)

eq (Eq. (6.7)); therefore, these configurations where adhesions are formed on non-
adhesive lines are practically very unlikely to occur.

6.2.5 Calculation of the homeostatic temperature 1/ζ

In classical statistical mechanics, the temperature T of a system is known, while the
average energy is not known. In our case, the situation is the opposite. The homeostatic
temperature 1/ζ of a specific system is initially unknown, while the homeostatic energy
Ḡ can be computed. In fact, we recall that Ḡ is independent from the interaction be-
tween substrate and cell, and thus it can be computed for a particular case when such
interaction is absent. This is the case of a free-standing cell, defined as a cell isolated
and not in contact with any substrate. We observe that only one configuration is possible
for a free-standing cell to be in mechanical and chemical equilibrium: the cell needs to
be traction free and in chemical equilibrium without the contribution of the adhesions
with the substrate. The total Gibbs free-energy can be computed for this unique configu-
ration, therefore finding that Ḡ =

∑
j P

(j)
eq G(j) = P 1

eqG
1 = G1, where the index 1 refers

to the unique configuration of the free-standing cell (which has P 1
eq = 1).

Given Ḡ, the homeostatic temperature can be computed by calculating G(j) for the
different configurations, and then enforcing the conservation of the homeostatic energy
(Eq. (6.8)). This procedure cannot be done analytically; an iterative method was thus
pursued. Given a hypothesized value 1/ζ0 for the homeostatic temperature, the corre-
sponding average Gibbs free-energy G0 = 1

Z

∑
j G

(j) exp
[
−ζ0G(j)

]
can be numerically

approximated by employing the Metropolis algorithm (Metropolis et al., 1953) to sample
the possible configurations of the system. If G0 = Ḡ (with an maximum absolute error
equal to 2%Ḡ), the iterations were stopped and 1/ζ0 was accepted as homeostatic tem-
perature; otherwise, 1/ζ0 was perturbed, and the Metropolis algorithm was repeated for
a new homeostatic temperature 1/ζ1. The Metropolis algorithm required random walks
among the possible configurations and the calculation of the Gibbs free-energy of each
of these configurations. The numerical procedures to determine random walks and the
Gibbs free-energies are reported below.

6.2.6 Numerical method for random walks for the Metropolis algo-
rithm

For the random walks among the possible configurations of the system, the current
configuration needs to be perturbed, which translates to perturbing u(j) (Eq. (6.1)).
Since the cell is modeled as a continuum, u(j) is a continuum field and thus exploring all
possible configurations is virtually impossible. A good compromise between exploring
all values of u(j) and practicability is the characterization of u(j) with Non-Uniform
Rational B-Splines (NURBS) (Piegl and Tiller, 1997). Briefly, M points were chosen
among the material points of the cell. Hypothetical and random deformations U (j)

L (with
L = 1, . . . ,M) were assigned to these points. The actual deformations of the entire cell
were generated via NURBS by using the values U (j)

L as weights. A perturbation of a
specific configuration was then performed by varying the value of one of the weights
U

(j)
L .
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6.2.7 Numerical method for computing the Gibbs free-energy of a
configuration

The cell in the undeformed configuration was discretized with three-noded triangu-
lar elements of size R0/10. Different configurations (j) were then obtained varying
the weights U (j)

L as explained in the previous paragraph. Using NURBS, these weights
uniquely identify the coordinates x(j) of the material points of the cell in the correspond-
ing configuration, and therefore also the corresponding strains in the cell. From these
values, the passive stress within the cell can be computed (Appendix D, Eq. (D.34)).
The active stress caused by the actin stress fibers can be calculated considering, in ad-
dition, chemical equilibrium in the cellular body (Appendix D, Eq. (D.33)). fcyto and
Φelas can be obtained by knowing the strain (Appendix D, sections D.1.3 and D.1.3).
Given the active and passive stress, the residual traction forces T (x(j)) can be identi-
fied at each node. This can be used to evaluate the forces applied by cell adhesions:
F (x(j)) = −T (x(j)). From these forces, the Helmholtz free-energy fadh associated with
cell adhesions can be calculated (Eq. (6.6)). At this point, the total Gibbs free-energy
can be computed (Eqs. (6.3) and (6.4)).

6.2.8 Material parameters for the myofibroblasts

The material parameters were chosen similar to the ones identified in the study of
Buskermolen et al. (2017b), who simulated myofibroblasts with the same statistical
framework, but with differences in terms of modeling. In particular, in their study, the
Helmholtz energy associated with cell adhesions was not considered, while a passive
component to take the nucleus into account was added. The differences between the
parameters chosen in these two studies are due to these dissimilarities in the modeling
approach, which are more thoroughly examined in the discussion section. The param-
eters for the cell adhesions were chosen to satisfy Eq. (6.5). A list of the material
parameters is given in Table D.1 in Appendix D.

6.2.9 Orientation, aspect ratio, and area of a configuration

For each configuration (j), as in experiments (Buskermolen et al., 2017a), the cellular
orientation and aspect ratio were obtained by fitting the outline of the cell with the
best-fitting ellipse (in a least square sense). This best-fitting ellipse was calculated using
a least-square algorithm (Fitzgibbon et al., 1999). The cellular orientation was then
defined as the angle between the adhesive lines of the substrate and the major axis of
the best-fitting ellipse. The cell aspect ratio was defined as the ratio of the major axis to
the minor axis of this ellipse. Finally, the area of the cell was calculated by summing the
areas of the deformed elements composing the cell in the deformed configuration (j).

6.3 Results

In this study, we performed computational simulations of myofibroblasts cultured on
substrates with alternating adhesive and non-adhesive lines equal in widths. The sub-
strates under consideration had different line widths, spanning from lines that were
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small enough to enable the cell to spread on multiple lines, to lines wide enough to
accommodete the cell on a single line. The computational results were presented with
boxplots, since they were considered as the best representation to examine the distri-
butions of the cellular orientations, aspect ratios, areas, and number of adhesive lines
touched by cells as predicted by the computational simulations. These boxplots are
displayed in Fig. 6.1. Each boxplot corresponds to a different width of adhesive and
non-adhesive lines. The value of the line widths is reported on the horizontal axis nor-
malized to the diameter of the undeformed cell. Hereafter, we indicate this normalized
value with lw.
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Figure 6.1: Overview of the results of the simulation of cells on substrates with alternating adhe-
sive and non-adhesive lines of different line widths. The values of these widths are
normalized with respect to the diameter of the undeformed cell. For simplicity, the
outliers were not reported in the graphs.

The simulations predicted that cells generally tend to co-align with adhesive lines,
with the variability of alignment dependent on lw. In particular, the alignment increased
with lw when lw ≤ 0.3 and decreased with lw for lw ≥ 0.7. Interestingly, lw values
between 0.4 and 0.6 corresponded to a change of trend, with alignment increasing from
0.3 to 0.5 and again decreasing for lw from 0.5 to 0.7. The predicted cellular behavior
can be explained by looking at the cell aspect ratio, number of adhesive lines, and cell
area (Fig. 6.1B-D).

When lw ≤ 0.5, cells spread on multiple adhesive lines (Fig. 6.1C). In these con-
ditions, cells are in contact with at least one non-adhesive line. Compared to adhesive
lines, non-adhesive lines have a lower stiffness related to the formation of cell adhesions
(Eq. (6.5)). Since the specific Helmholtz free-energy associated with each cell adhesion
is inversely proportional to the stiffness of the adhesion (Eq. (6.6)), forming cell adhe-
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sions on non-adhesive points causes a large increase of the free-energy. Consequently,
preferring small magnitudes of the Gibbs free-energy, cells try to reduce the formation
of adhesions in contact with non-adhesive areas by minimizing the number of adhesive
lines they spread on. This can be done in two ways: first, cells obtain a smaller area,
as can be seen by comparing the areas of cells with lw < 0.6 with the ones predicted
for lw > 0.6 (Fig. 6.1D); secondly, cells slightly elongate and obtain an aspect ratio
with the median approximately between 2 and 3 (Fig. 6.1B). For lw smaller than 0.3,
this elongation occurs mainly in the direction of lines, such that cells compress along
the perpendicular direction thereby reducing the number of non-adhesive lines they are
in contact with. This mechanism does not occur when lw = 0.5. For this value, the
width of adhesive lines is too small to enable cells to spread on a single line because
of the increase of elastic energy corresponding with excessive compaction (Appendix
D, Eq. (D.31)). Cells are therefore constrained to stay on two adhesive lines and one
non-adhesive line (Fig. 6.1C). To maintain this configuration, cells cannot compress
sufficiently along the direction perpendicular to the lines to elongate in the parallel di-
rection. Instead, they maintain a low aspect ratio compared to cells on other substrates
(Fig. 6.1B). For such cells, the identification of a main direction is more difficult and
small cellular shape variations can cause large modifications of the direction of the main
cell axis. This most likely determines the large variations of cellular orientation ob-
served for lw = 0.5 (Fig. 6.1A). For lw = 0.4 and lw = 0.6 the situation is comparable,
but attenuated.

For lw ≥ 0.7, lines are large enough to enable cells to spread on a single adhesive line
(Fig. 6.1C). If the line is still relatively thin, such as for lw = 0.7, cells are constrained
to compress along the perpendicular direction to fit on a single line, thereby strongly
elongating (Fig. 6.1B) and orienting in the parallel direction (Fig. 6.1A). When the
values of lw increase, the perpendicular compression and elongation necessary for cells
to lie on a single line are smaller (Fig. 6.1B), and therefore cells have increasing freedom
to vary their main orientation (Fig. 6.1A).

To verify the computational results, myofibroblasts were cultured on substrates with
alternating adhesive and non-adhesive lines, with line widths ranging from 2 µm to 200
µm. For the experimental methods, we refer the reader to Appendix D, section D.2. The
corresponding experimental results are reported in Fig. 6.2 (colored boxes). Cells were
almost randomly oriented on 2 µm lines (Fig. 6.2A). The alignment of cells increased
with increasing line width, until the maximum degree of alignment was observed for 20
µm wide lines. At larger line widths, cells showed a decrease of alignment until, on 200
µm wide lines, cells adopted a random orientation, comparable to cells on 2 µm lines
(Fig. 6.2A).

To compare experimental and computational results, the normalized line widths lw
have to be scaled with experimental measures. In our experiments, 20 µm seems to be
a characteristic size for myofibroblasts. This was in fact the smallest line width where
cells could spread on single lines (Fig. 6.2C). Moreover, cells on these lines exhibited
the maximum degree of alignment (Fig. 6.2A). Therefore, the normalized line widths
were scaled by identifying the value of lw that corresponds to 20 µm. For brevity, we
indicate this value with lrefw . To determine lrefw we observe that, in the computational
simulations, cells start spreading on single lines when lw ≥ 0.6 (Fig. 6.1C). In addition,
cells exhibit very high degrees of alignment for values of lw in between 0.6 and 0.7.
Consequently, given the similarities with the experimental results for 20 µm lines, we can
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Figure 6.2: The computational (blue and white boxes) and the experimental (red and black boxes)
results are qualitatively in agreement in terms of cellular orientation, aspect ratio, and
number of adhesive lines. Conversely, the simulations predict a decrease of cell area
for cells on multiple lines which is not in agreement with experiments. For each graph,
the width of adhesive lines times the width of non-adhesive lines is reported.

assume that 0.6 < lrefw ≤ 0.7. To make the scaling more specific, another requirement for
lrefw can be deduced by observing the experimental results of cells on large lines (such as
100 µm and 150 µm); cells on such lines still exhibit a relatively high parallel alignment.
However, in the computational simulations, large values of lw correspond to decreased
alignment. Therefore, large experimental measures of line widths should correspond
to relatively small lw, which translates to the requirement that lrefw should be relatively
small. Considering these two requirements, as a first approximation, we assumed that
20 µm corresponds to lrefw = 0.625 (such that lw = 1 becomes equivalent to 32 µm).
The computational simulations were then repeated for values of lw corresponding with
the other line widths analyzed in the experiments. The results of these computational
simulations are reported in Fig. 6.2, with uncolored boxplots.

The simulations are qualitatively in agreement with the experiments in terms of
cellular orientation (Fig. 6.2A), aspect ratio (Fig. 6.2B), and number of adhesive lines
(Fig. 6.2C). In particular, both simulations and experiments showed that cells increase
their alignment (Fig. 6.2A) and aspect ratio (Fig. 6.2B) for line widths increasing from
2 µm to 20 µm. At the same time, they decrease the number of adhesive lines that they
are in contact with (Fig. 6.2C). For line widths ≥20 µm, cells are able to spread on a
single line (Fig. 6.2C), having increasing freedom to obtain lower aspect ratios (Fig.
6.2B) and consequently different orientations (Fig. 6.2A).

From a quantitative point of view, computational and experimental results were not



6.3 Results 103

fully in agreement. Moreover, they were not qualitatively in agreement in terms of cell
area. Specifically, cells in computational simulations generally had a lower aspect ratio,
degree of alignment, and number of adhesive lines compared to cells in experiments. In
addition, the cell area predicted in the simulations was lower than the one observed in
the experiments and did not follow the same trend (Fig. 6.2D). In fact, if we exclude the
results for 20 µm wide lines (which induced a decrease of cell area), the cell area in the
experiments (Fig. 6.2, colored boxplots) was constant with respect to the line widths.
Conversely, in the computational simulations, cells on multiple lines (i.e. line widths
2 µm, 5 µm, and 10 µm, Fig. 6.2C) had a smaller area compared to cells on single
lines (Fig. 6.2D, uncolored boxplots). This was caused by the difference of stiffness
of the adhesions forming on adhesive and non-adhesive lines, which was introduced
to approximate the effects of non-adhesive areas. Such approximation induced larger
Gibbs free-energy of cell adhesions for cells on non-adhesive lines (Eq. (6.6) and Eq.
(6.9)), and therefore smaller cell area to minimize this effect.

For a further comparison, images of representative cells from experiments and com-
putational simulations are displayed for six selected line widths, in Fig. 6.3. In general,
the cellular shapes obtained with the computational simulations are similar to the ones
experimentally observed. If we exclude the computational results for 16 µm wide lines,
the trends of cellular alignment and aspect ratio are visible for both experiments and
simulations; alignment and aspect ratio increase with the line width when this is be-
tween 2 µm and 20 µm, and decrease for larger widths. As previously shown in Fig.
6.1, cells on 16 µm width lines, analyzed only in the simulations, do not follow this
trend.

The computational results of the six selected line widths can be discussed and ex-
plained further by plotting the probability density functions of the cellular orientation,
aspect ratio, and area, and the probability for cells to spread on a specific number of ad-
hesive lines (Fig. 6.4). To support the explanation of these results, especially the trends
of cellular orientation, the corresponding cellular energies are reported in Fig. 6.5.

For widths smaller than 20 µm, cells are on multiple adhesive lines (Fig. 6.4C) and
thus in contact with non-adhesive parts of the substrate, which are associated with a
very low stiffness for cell adhesions. Consequently, the probability for cells on these
substrates to have a larger free-energy due to cell adhesions increases, as can be seen by
comparing the probability density functions of the Gibbs free-energy related to cell ad-
hesions (Fig. 6.5C). To reduce this energy, cells minimize the points which are in contact
with non-adhesive lines by (i) reducing their total area (Fig. 6.4D), or (ii) compressing
in the direction perpendicular to the lines, thereby orienting their main axis parallel to
the lines (Fig. 6.4A-B). If the line width is 16 µm, cells are not induced to use the sec-
ond mechanism. For this line width, the cellular compression and elongation required
for cells to spread on single lines are excessive, due to the increase of elastic Gibbs free-
energy that they would implicate. Therefore, cells tend to stay on two adhesive lines
but, in order to do so, cells have to cross a 16 µm wide non-adhesive line. To bridge
this non-adhesive space, cells cannot increase their aspect ratio by elongating parallel to
the lines because this would not be favorable in terms of the Gibbs free-energy of cell
adhesions, which would drastically increase. Therefore, to reduce the contribution of
the Gibbs free-energy of cell adhesions (Fig. 6.5C), cells can only maintain a very low
aspect ratio (Fig. 6.4B) and a relatively small total area (Fig. 6.4D). The low aspect
ratio makes it difficult to identify a cellular main axis. Moreover, for small aspect ratios,
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Figure 6.3: The morphologies of representative cells from the simulations (schematic monocolor
cells on the left of each box) closely mimic the shapes of representative cells observed
in the experiments (multicolor cells on the right of each box). The scale bars are 50
µm. For 16 µm wide lines, only the cells from the simulations are reported, since this
measure is currently untested.

small perturbations of cellular shapes correspond to large modifications of the direction
of the cellular main axis (Fig. 6.4A). We observe that, despite this, the probability den-
sity function of cellular orientation shown in Fig. 6.4A reveals a behavior that was not
apparent with the boxplot of Fig. 6.1A. In particular, cells still have a small preference
to align in the line direction or only slightly deviate from this direction, as we can see by
observing the three peaks in the probability density function of cellular orientation (Fig.
6.4A).

When the line width is ≥20 µm, cells spread on single lines (Fig. 6.4C). To fit on a
20 µm wide line, they compress in the direction perpendicular to this line and elongate
in the parallel direction, which results in a pronounced parallel alignment of the cellular
main axis (Fig. 6.4A). The same occurs for larger lines, albeit to a lesser extent. On
these larger lines, cells can have a lower aspect ratio (Fig. 6.4B) and increased freedom
to align in other directions (Fig. 6.4A) compared to cells on 20 µm wide lines.

The computational simulations also gave us a tool to compute, analyze, and compare
the energies that cells have on substrates with lines of different size (Fig. 6.5). In
general, cells on multiple lines have probability density functions of the total Gibbs free-
energy that exhibit smaller interquartile ranges compared to cells on single lines (Fig.
6.5A). In addition, the absolute values of the mode of the cytoskeletal and elastic Gibbs
free-energies for cells on multiple lines are lower compared to the ones for cells on single
lines (Figs. 6.5B-C), which seems to correlate with the small cell areas observed for
these line widths (Fig. 6.4D). At the same time, the Gibbs free-energy of cell adhesions
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Figure 6.4: Graphs of the probability density functions of cellular orientation (A), aspect ratio
(B), and area (D), and graph of the probability for cells to touch a specific number
of adhesive lines (C) as predicted by the simulations. Each color refers to a different
width of adhesive and non-adhesive lines, as reported in the legend.

is relatively large for cells on multiple lines, compared to the ones predicted for the other
line widths. Interestingly, cells on 50 µm and 200 µm have almost identical probability
density functions for the cellular free-energies, although a much higher alignment was
observed for the 50 µm wide lines compared to the 200 µm ones (Figs. 6.3A and 6.4A).
Consequently, it appears that a relatively high degree of alignment with single lines
can be achieved without substantially perturbing the energy state of cell1s. However,
cells on 20 µm wide lines have profiles of the probability density functions which are
remarkably different from all the others. For example, for this line width, the values of
the mode of the total and cytoskeletal Gibbs free-energies are much lower compared to
the others, and the interquartile ranges are wider (Fig. 6.5A-B). Inducing a very high
degree of alignment by forcing cells to spread on single lines that are small compared to
the cell size can thus largely affect the Gibbs free-energy of cells.

6.4 Discussion

In this study, we proposed a statistical framework to investigate whether the alignment
of cells in response to biochemical linear patterns on two-dimensional substrates can be
a result of free-energy minimization and homeostasis. To this aim, we simulated cells
on substrates with alternating adhesive and non-adhesive lines and we compared the
computational outcomes with experiments performed with myofibroblasts cultured on
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Figure 6.5: Graphs of the probability density functions of the total Gibbs free-energy (A) and
energies associated with the cytoskeleton (B), adhesions (C), and to the elasticity of
the remaining cell components (D), as predicted by the simulations.

substrates with the same kind of patterns. Computational and experimental results were
qualitatively in agreement in terms of cellular orientation, aspect ratio, and number of
adhesive lines touched by cells, even though quantitative differences were observed. In
terms of cell area, the simulations predicted that cells spreading on multiple lines are
smaller compared to cells on relatively large single lines (line widths larger than 50
µm). This behavior was in disagreement with the experiments, where cells obtained a
smaller area only when forced to spread on relatively small single lines (20 µm and 50
µm width lines).

In the computational model, the decrease of cell area predicted for cells spreading
on multiple lines is most likely caused by the assumptions for the cell adhesion energy.
In particular, we hypothesized that exerting tractions and forming adhesions on non-
adhesive points of the substrate induces a large increase of energy. This implies that, to
reduce the energy associated with cell adhesions, cells on multiple adhesive lines tend to
decrease their cell area compared to cells spreading on single adhesive lines. Introduc-
ing assumptions for the cell adhesion energy was necessary to differentiate the effects
that adhesive and non-adhesive lines have on the cellular energy and cell behavior. A
relatively simple model for cell adhesions was chosen, by approximating these cellular
structures as linear springs. In future studies, a more detailed model could be consid-
ered for the energy associated with focal adhesions, such as the one proposed in Mcevoy
et al. (2017). Implementing this model could potentially improve the computational
results, both in terms of the qualitative agreement with the cell area observed in the
experiments and in terms of the quantitative agreement for the other observables.
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The statistical framework of this study could be enriched also by considering the en-
ergy contribution of the cellular nucleus, similar to Buskermolen et al. (2017b). In their
study, the material points of the cell being part of the nucleus were considered much
stiffer than the remaining cell points, and the cytoskeletal Gibbs free-energy of these nu-
clear points was assumed to be zero. Considering the nucleus, they were able to predict
the cellular orientation and aspect ratio for myofibroblasts constrained on single lines
with a width larger than 30π/2 µm. For these line widths, their predictions are quanti-
tatively more accurate than the ones obtained in this study. Therefore, considering the
properties of the nucleus would most likely improve the quantitative predictive potential
of our statistical framework for cells on substrates with adhesive and non-adhesive lines
larger than 50 µm. However, preliminary computational simulations showed that such
inclusion leads to inconsistent results for cells spreading on multiple adhesive lines or
constrained on very thin lines (supplementary figure D.1 in Appendix D). As discussed in
the previous paragraph, a more complex model for cell adhesions could improve these
preliminary results as well. Nevertheless, at the current state, these computational re-
sults suggest that a more detailed model for the cell nucleus is necessary to capture the
nuclear behavior for cells on multiple lines or very thin single lines.

Most importantly, from the qualitative point of view, simulations and experiments
were in agreement in terms of cellular orientation. In particular, in the experiments,
cells on relatively small alternating lines (2 µm) aligned isotropically. An increase of
adhesive line width and spacing increased cellular alignment in the line direction, until
the cells could spread on a single line; then, a further increase induced a decrease of
the co-alignment between cells and lines. The computational simulations could qualita-
tively match the experimental results and, interestingly, they predicted an unexpected
cellular behavior for some of the experimentally untested line widths. This was the case
for cells spreading on substrates with adhesive lines that are too thin to easily accom-
modate the cell on a single line, and with non-adhesive lines too wide to allow the cell
to easily spread on multiple lines. The simulations predicted this to occur for 16 µm
wide lines. Although this is a measure in between line widths for which a strong cellu-
lar co-alignment with the lines was observed both experimentally and computationally
(10 µm and 20 µm), for such lines the simulations predicted that cells are induced to
deviate frequently from the direction of the lines. An experimental verification of these
unexpected results needs to be performed. For now, we observe that these computa-
tional results might change if the statistical framework is enhanced with a more complex
model for cell adhesions, or by considering the properties of cell nuclei as discussed in
the previous paragraphs.

Another modeling feature that might be related to this unexpected result is the choice
to characterize the cellular configurations with NURBS. On the one hand, this technique
was necessary to reduce the computational cost of computing the average cellular en-
ergy, by reducing the set of possible configurations of the cell on the substrate. On the
other hand, it might be possible that this restriction, together with the penalty corre-
sponding with excessive deformations associated with compression, is contributing to
prevent cells to spread on single 16 µm wide lines. In fact, it is possible that cellular
shapes that would enable the cell to spread on single 16 µm wide lines were not com-
prised in the set of configurations considered in this study. An enlargement of the set
of configurations can be achieved by increasing the number of control points of the cell.
This number was chosen such that the set of possible configurations was sufficiently



108
Contact guidance of cells can be explained by cellular free-energy minimization

and homeostasis

wide to approximate the cellular shapes experimentally observed, such as in Fig. 6.3.
Nonetheless, it might be that capturing the morphology of cells in extremely thin lines
requires a larger number of control points. Further studies are necessary in this regard.

Although enhancements of the statistical framework are possible, given the quali-
tative agreement between computational and experimental results in terms of cellular
alignment, aspect ratio, and number of adhesive lines touched by cells, we can affirm
that possible fundamental elements determining contact guidance on substrates with
alternating adhesive and non-adhesive lines were identified. The model suggests that
cells tend to coalign with adhesive and non-adhesive lines as a result of Gibbs free-
energy minimization and homeostasis. Moreover, we observe that the model here pro-
posed does not include a directionality of focal adhesion formation (focal adhesion the-
ory (Ohara and Buck, 1979)), nor does it include the dynamics of cellular migration
that could be related to discontinuity crawling (discontinuity theory (Curtis and Clark,
1990)). Given that contact guidance was predictable without these elements, our study
suggests that focal adhesion orientation and discontinuity crawling are not strictly nec-
essary for the alignment of cells along the linear patterns, at least for myofibroblasts
on lines of the order of micrometers. In contrast, it suggests that in this case con-
tact guidance can be a result of the mechanical restriction caused by the non-adhesive
lines (mechanical restriction theory (Dunn and Heath, 1976)). In particular, from our
simulations, it appears that cells align in the linear pattern direction as a result of the
impossibility to form strong cell adhesions on non-adhesive lines.

The mechanical restriction theory was already supported by two other computational
studies about cells on substrates with linear patterns (Loosli et al., 2012; Vigliotti et al.,
2015). Compared to the study of Loosli et al. (2012), our statistical framework has the
advantage to be motivated by thermodynamics and biological concepts. In addition, our
study was able to overcome also the limitations of the study of Vigliotti et al. (2015).
In fact, the applicability of our approach does not have restrictions in terms of line
widths and enabled us to predict qualitatively not only the cellular orientation, but also
the aspect ratio and the number of adhesive lines touched by cells. In addition, this
computational approach has the potential to provide other valuable information about
cells on substrates with multiple linear patterns, as discussed below.

From the proposed statistical approach, we can obtain information about the en-
ergy of cells on patterned substrates. Interestingly, we observed that very thin lines
can lead to very different energy profiles than larger lines. This change of energy can
most likely be observed also for other kinds of cells constrained on very thin lines, and
may be related to biological phenomena correlated with constrained alignment of cells.
For example, Mcwhorter et al. (2013) observed that culturing macrophages on very
thin lines made with the microcontact printing technique induces a polarization of the
macrophage phenotype. We speculate that such polarization induced by thin lines may
be related to the differences in free-energy profiles caused by the constriction of cells on
single thin lines.

The statistical framework proposed in this study has the potential to provide further
information on the responses of cells to biochemical cues, and a similar approach could
be used to simulate other experimental studies. For example, the relative importance
that the width of adhesive lines has for cellular orientation, compared with the width of
non-adhesive lines, could be investigated by simulating cells on substrates with unequal
adhesive and non-adhesive line widths. Furthermore, our approach could be used to
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simulate cells spreading on substrates patterned with circular or linear islands (Xia et al.,
2008) or crossed adhesive lines (van Loosdregt et al., 2016).

In conclusion, in this study we proposed and tested a statistical framework based
on thermodynamics and biological principles, able to predict qualitatively the cellular
orientation, aspect ratio, and number of adhesive lines covered by cells on substrates
with alternating adhesive and non-adhesive lines. This statistical approach suggests
that contact guidance can result from the minimization of the Gibbs free-energy of the
system comprising the cell and the substrate, together with the tendency of cells to
maintain a constant average free-energy over a long-term period. Moreover, the present
statistical approach is applicable to predict the results of untested experimental studies
or better understand other experimental results already present in the literature.





Chapter 7

General discussion

7.1 Clinical background and objectives

Valve replacement using a prosthetic valve is the most common intervention for valvu-
lar disease. Despite great improvements since their first appearance, current replace-
ments are not perfect, as they are prone to thromboembolic events, limited durability
and, most importantly, they cannot accommodate growth of patients. Heart valve tis-
sue engineering is a promising technique that could overcome the limitations of today’s
valvular substitutes, by developing heart valve replacements with the potential to grow
and remodel with patients and last a lifetime.

Over the last few years, the in vivo performance of heart valves developed using tis-
sue engineering has been widely tested in animals, preferably in sheep (Flanagan et al.,
2009; Driessen-Mol et al., 2014; Syedain et al., 2016; Kluin et al., 2017; Serruys et al.,
2017). The experimental results of the TEHVs developed with the in situ approach are
particularly promising (Sanders et al., 2016; Kluin et al., 2017). This approach mostly
relies on the remodeling potential of the body of the recipient for the development of a
functional heart valve substitute. As such, the design of TEHVs for the in situ approach
should ensure a physiological remodeling of these replacements after implantation not
only over the short- and medium-term, but also over the long-term of several years.
Therefore, to optimize the TEHV design, a clear understanding of the remodeling of
heart valves is needed.

To this aim, computational simulations represent a valuable tool due to their ver-
satility, relatively low cost, and no ethical problems, which is one of the main issues
associated with animal experiments. Recently, several biologically and physically moti-
vated models have been proposed to analyze the contribution of cells to collagen remod-
eling (Valentín et al., 2009, 2013; Loerakker et al., 2014; Heck et al., 2015). Despite
promising results, these models could not simulate the in vivo remodeling of TEHVs
by considering the effects that both mechanical stimuli and collagen fibers have on the
(re)orientation of cells. Therefore, the work of this thesis aimed at enabling the simu-
lation of cell-mediated remodeling of heart valves undergoing dynamic loading, by un-
derstanding and accounting for the effects of both mechanical and topographical stimuli
on the (re)alignment of cells.



112 General discussion

7.2 Main findings

The cellular reorientation in response to mechanical stimuli can be analyzed by account-
ing for the remodeling of their internal stress fibers (Deshpande et al., 2006; Obbink-
Huizer et al., 2014b). However, coupling numerical algorithms for stress fiber remodel-
ing with collagen remodeling sets a great challenge with respect of computational costs,
because these two biological phenomena occur on very different time-scales. In par-
ticular, stress fiber remodeling occurs on the order of minutes to hours, while collagen
remodeling takes place on the order of days to months. To overcome this limitation,
we derived an analytical approximation for the asymptotic solution of an evolution law
that was previously proposed to model stress fiber remodeling in response to a range
of mechanical stimuli (Obbink-Huizer et al., 2014b). With the information provided by
this analytical analysis, a numerical algorithm to predict the remodeling of stress fibers
in case of dynamic loading conditions with limited computational costs was proposed
(chapter 2). The comparison between computational results obtained with this new
method and with direct numerical integration demonstrated that the proposed algorithm
gives accurate results, while reducing the computational time by order of magnitude one
to two.

The algorithm for the efficient computation of stress fiber remodeling, when coupled
with the computational model by Loerakker et al. (2014), enabled the simulation of in
vivo TEHV remodeling. In particular, the investigation of the impact of different levels of
cellular contractility on the functionality of TEHVs was possible (Loerakker et al., 2016).
Nevertheless, preliminary computational simulations indicated that this computational
framework was not able to predict the collagen alignment in native pediatric aortic
valves. We hypothesized that such limitation could be overcome by accounting, for the
topographical cues that collagen fibers provide to cells and stress fibers.

With this rationale, we developed a computational model to predict the (re)orientation
of cells in response to not only mechanical stimuli, but also to the cues of collagen
fibers (chapter 3). Two hypotheses were proposed for the collagen fiber effects on cell
(re)orientation. In particular, collagen fibers were assumed to influence the (re)alignment
of cells and the remodeling of stress fibers by causing a spatial obstruction for the reori-
entation of cells in response to mechanical stimuli (steric hindrance), or by biasing the
alignment of cells and stress fibers in the directions with high collagen fiber density (con-
tact guidance). The consequences of these hypotheses were compared by simulating bi-
and uni-axially constrained collagenous tissues undergoing uniaxial cyclic strain. Sim-
ulations were able to predict experimental results, with both hypotheses(Foolen et al.,
2012, 2014; Obbink-Huizer et al., 2014b). Therefore, we could conclude that two pos-
sible mechanisms determining the influence of collagen fibers on cell and stress fiber
(re)orientation in response to mechanical stimuli were identified and successfully tested.
Additional simulations indicated that, at least in the context of cell-populated collagen
gels, the dominant mechanism could be determined by comparing the computational
results with (currently untested) experiments analyzing the orientation of cells seeded
in uniaxially constrained collagen gels with high collagen density and undergoing imme-
diate 10% cyclic stretch. Importantly, to our knowledge, this study was the first attempt
to simulate the mutual influence of collagen fiber and cellular alignment under dynamic
loading conditions.

The computational model for stress fiber remodeling with the hypothesis of contact



7.2 Main findings 113

guidance was later included in the computational framework of Loerakker et al. (2016)
for the simulation of the in vivo remodeling of native human heart valves (chapter 4).
The remodeling of fetal and pediatric heart valves was simulated and investigated with
this extended computational framework. The simulations were able to predict the col-
lagen fiber distributions that had been observed experimentally in fetal (19-week-old)
and pediatric (2- and 5-year-old) aortic and pulmonary valves (Oomen et al., 2016).
This was achieved with minimal changes of model parameters, which were necessary
to account for the differences between aortic and pulmonary valves, and between heart
valves of different age groups. The consistency between computational and experimen-
tal results suggests that the developed computational framework has a high predictive
potential of the collagen remodeling occurring in heart valves in vivo, and may be a
valuable tool for the design of optimal TEHVs.

Further computational simulations of native heart valves performed with variations
of model parameters suggested that, while the cellular reorientation and traction forces
in response to mechanical stimuli are fundamental for the emergence of the circum-
ferential collagen fiber orientation during the early development of heart valves, the
phenomenon of contact guidance is essential for the conservation and enhancement of
this circumferential alignment. Therefore, the importance of the interplay between con-
tact guidance and mechanical stimuli for the in vivo remodeling of heart valves was
demonstrated.

This observation motivated a further investigation of the underlying biological mech-
anisms that determine the (re)orientation of cells resulting from both mechanical and
topographical cues (chapter 5). We hypothesized that the feedback mechanisms linking
focal adhesion formation, intracellular signaling, and stress fiber remodeling regulate
the cellular reorientation response in case of competing mechanical and topographi-
cal cues. The hypothesis was tested by simulating the realignment of single cells on
nanogrooved substrates that were cyclically strained along the grooves. By coupling
previous models for stress fiber remodeling (Deshpande et al., 2006), focal adhesion
maturation (Deshpande et al., 2008), and signal production and diffusion (Pathak et al.,
2011), we were able to predict experimental results from the literature (Prodanov et al.,
2010), thereby giving support to our hypothesis.

The computational framework proposed in chapter 5 could be applied only in case
of substrates with linear patterns much smaller compared to the size of a cell. Further-
more, it did not provide information about the biophysical stimuli inducing cells to align
in the direction of topographical and biochemical cues. To overcome these limitations
and study the phenomenon of contact guidance of cells more in detail, we developed
a statistical framework for the simulation of cells on substrates that are provided with
biochemical adhesive and non-adhesive patterns (chapter 6), without restrictions for the
shape and size of these patterns. Our main assumption was that cells adjust their posi-
tions and morphologies on substrates with biochemical patterns by preferring low values
of free-energy over the time-scale of seconds while, over the time-scale of minutes, they
maintain a constant average free-energy because of cellular homeostasis (Weiss, 1996).
The statistical framework was adopted to simulate the behavior of single cells on sub-
strates with alternating adhesive and non-adhesive lines, with the same line width. The
computational results were qualitatively in agreement with experiments performed in
our lab in terms of cellular orientation, cell aspect ratio, and number of adhesive lines
touched by cells. We thus concluded that contact guidance may result from cellular
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free-energy minimization and cellular homeostasis (Weiss, 1996).

7.3 Main limitations and challenges

In chapters 2-4, the effects of mechanical stimuli on the remodeling of stress fibers were
modeled with the same hypotheses as Obbink-Huizer et al. (2014b). As such, these
studies share some of the limitations of the theory of Obbink-Huizer et al. (2014b), also
when the model is extended with the effects that collagen fibers have on stress fiber
remodeling. One of the main assumptions of the study of Obbink-Huizer et al. (2014b)
is that the remodeling of cells is completely determined by the temporal profile of the
deformations occurring in their surroundings, while the stiffness of the environment
plays only an indirect role, since it translates into deformations. However, a recent
experimental study of Tondon and Kaunas (2014) demonstrated that the cellular re-
sponses to cyclic strain on two-dimensional substrates are dependent on the stiffness of
the substrate, also when the same cyclic strain patterns are applied. In fact, they showed
that cells respond to cyclic strain by aligning approximately perpendicular to the strain
on stiff substrates, while they align along the cyclically strained direction on compliant
substrates (such as the surface of biaxially constrained collagen gels). These exper-
iments seem in contrast with the experimental results of Foolen et al. (2012, 2014)
performed with cells in a three-dimensional environment with low stiffness. In these
studies, Foolen and colleagues demonstrated that cells seeded in biaxially constrained
collagen gels, with a low collagen density and undergoing cyclic strain, align perpen-
dicular to the strain. These seemingly contradictory experimental studies highlight that
the potential influence of the cellular surrounding stiffness and dimensionality on the
cellular (re)orientation needs to be further clarified and, in case, considered in the com-
putational models to increase their explanatory and predictive potential.

In chapters 2-4, it was also hypothesized that the stress fiber remodeling depends
on the magnitude of the strain experienced by stress fibers. On the one hand, this
assumption enabled the prediction of the effects that the cyclic strain amplitude has on
the (re)orientation of cells (Faust et al., 2011). On the other hand, it entails the necessity
to define a reference configuration for cells or their embedding tissues, and it raises the
question of whether cells are provided with mechanisms finalized to remember such
reference configuration. It is unlikely that cells have a long-term memory of their stretch
history. Some of the computational models for stress fiber remodeling that are present
in the literature (Hsu et al., 2009; Kaunas et al., 2011; Vigliotti et al., 2015) include
hypotheses for the evolution of the reference length of stress fibers. A similar inclusion
in the computational frameworks of chapters 2-4 could increase the applicability of the
computational models as a tool to unravel the underlying mechanisms of the stress fiber
and tissue remodeling processes.

Similarly, the models could be refined by further analyzing the biological mecha-
nisms of cell traction. In particular, stress fibers exert traction forces with a biological
mechanism that resembles the one of striated muscle. Motivated by this similarity, the
dependence of strain and strain rate on the stress fiber tension was described in this the-
sis with a simplified version of models developed to describe muscle contractions (Hill,
1938; Carlson and Wilkie, 1974; Deshpande et al., 2006; Vernerey and Farsad, 2011;
Obbink-Huizer et al., 2014b). This approach is supported by the fact that computa-
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tional models adopting this assumption have obtained good results when validated with
a large variety of experiments (Deshpande et al., 2006; Wei et al., 2008; Vernerey and
Farsad, 2011; Obbink-Huizer et al., 2014a,b). Nevertheless, the structure of stress fibers
and sarcomeres in striated muscle present some dissimilarities (Burridge and Wittchen,
2013), which could imply the necessity to refine the computational models for the stress
fiber tension adopted in this thesis. In chapters 2-4, the magnitude of the stress fiber
tension is strictly related to the cell-mediated deformation of collagenous tissues, the
(re)orientation of collagen fibers (chapters 2 and 3), and their pre-stretch (chapter 4).
Therefore, improving the modeling of the stress fiber tension could lead to a better
understanding of the cellular contribution to tissue and collagen fiber remodeling.

When refining the model for the stress fiber tension, the potential effects of the col-
lagen fiber networks surrounding cells should be taken into account. In this thesis, we
focused our attention on modeling the effects that the topographical and biochemical
cues provided by collagen fibers have on the (re)orientation of cells in response to me-
chanical stimuli. However, it might be possible that collagen fibers also have effects on
the cellular traction forces. Recent experimental studies indicate that, for cells cultured
on substrates under static conditions, the intrinsic cellular contractility is not influenced
by the biochemical patterns present on the substrate (van Loosdregt et al., 2016). On
the one hand, this suggests that the phenomenon of contact guidance does not have
significant effects on the stress fiber tension, which supports our modeling approach
adopted in chapters 3 and 4 for the effects of this phenomenon. On the other hand,
further experiments in three-dimensional environments in presence of dynamic loading
are required to confirm the validity of this assumption. These experiments could also
investigate whether dense collagenous networks can cause not only spatial obstructions
for cells to reorient (steric hindrance), but also a decrease of the mechanical stimuli ex-
perienced by cells via strain-shielding (Pedersen and Swartz, 2005), with a consequent
influence on the magnitude of stress fiber tension. Further experimental and computa-
tional investigation towards this aspect of tissue remodeling is therefore desired.

To have a first impression of the effects that collagen fibers have on the (re)orientation
of cells in response to mechanical stimuli, in chapters 3 and 4 these effects were mod-
eled using a rather phenomenological approach. These computational models could be
extended by considering the information that the computational studies described in
chapters 5 and 6 provided on the influence of contact guidance on the (re)orientation of
cells. For example, the results of chapter 5 suggest that the behavior of focal adhesions,
together with stress fiber remodeling, is one of the determinants of the (re)orientation
of cells in response to contact guidance and cyclic strain. Nevertheless, the inclusion of
a model for focal adhesion maturation and signaling in the computational frameworks
of chapters 3 and 4 would constitute a great challenge in terms of computational costs.
Consequently, for now, the results of chapter 5 were only taken into account as a jus-
tification for the assumption that the effects of contact guidance on the (re)orientation
of cells is negligible in case of low collagen fiber thickness, and significant for high
thickness (chapter 4). In future studies, a similar approach could be used for the identi-
fication of a more precise equation to model the variation of the parameters associated
with contact guidance with respect to the collagen fiber thickness. For example, to this
aim, simulations such as in chapter 5 could be performed to describe the influence of
contact guidance with respect to the width of topographical patterns, given a specific
contractility of cells.
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Nonetheless, before implementing a similar procedure, we should consider that
chapters 5 and 6 focused on predicting the behavior of single cells, while the com-
putational models for chapters 3 and 4 included numerical algorithms for the prediction
of the cellular behavior at a larger scale. In that case, cell-cell interaction might play
an important role and could influence the cellular responses to both topographical and
mechanical stimuli. For example, it has been computationally shown that the cell con-
tractile forces may facilitate the coalignment between cells (Rens and Merks, 2017).
Moreover, it has been demonstrated that high cell density can induce a stronger reori-
entation response to cyclic strain on two-dimensional substrates (Mauretti et al., 2016).
Therefore, before including the information of the single cell models (chapters 5 and 6)
into continuum settings (chapters 3 and 4), cell-cell interaction and collective behavior
should also be taken into account.

7.4 Impact on heart valve tissue engineering and other
fields of research

Despite the limitations discussed in the previous section, the studies of this thesis can
have impact across multiple fields of research. For example, the numerical algorithm
proposed in chapter 2 represents a valuable approach to approximate the solution of
various ordinary differential equations with periodic coefficients in general, whenever a
reduction of computational costs is required. For now, its applicability has been demon-
strated for the simulation of various collagenous tissues under dynamic conditions, such
as collagen gels (chapter 3) and heart valves (Loerakker et al. (2016) and chapter 4).

The computational framework proposed in chapter 3, with the inclusion of the cell-
mediated collagen turnover (chapter 4), could be used to simulate remodeling of several
kinds of collagenous tissues both in vitro and in vivo. For instance, a similar computa-
tional approach could be adopted to investigate the underlying biomechanical processes
that lead to the experimental results of de Jonge et al. (2013). In this study, cells were
seeded in biaxially constrained fibrin gels that were statically cultured for 5 days and
uniaxially stretched for other 10 days, with a change of cyclic strain direction after 7
days. It was observed that cells in the tissue core did not reorient in response to the
change of cyclic strain direction, a phenomenon that could be due to steric hindrance
or contact guidance effects of the collagen fibers in the cellular surroundings (chapter
3). Simulating these experiments with the computational framework of chapter 3 could
therefore provide additional information on the mutual effects of collagen fibers and
cells.

The computational method adopted for the simulation of native fetal and pediatric
semilunar valves (chapter 4) represents a valid framework for the optimization of TEHV
designs. In addition, it could be employed to simulate the remodeling of other kinds of
valves. Clearly, native adolescent and adult semilunar valves (Oomen et al., 2016) could
be simulated to get a further insight on the age-dependent evolution of the collagen fiber
distributions in these valves. Moreover, the remodeling of pulmonary valves undergo-
ing the Ross procedure (Ross, 1961) could be studied to understand the remodeling
of pulmonary valves implanted in the aortic position. A change of geometry could en-
able the simulation of mitral and tricuspid valves, by hypothesizing the same biological
mechanisms for tissue remodeling as in semilunar valves. The model is most likely ap-
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plicable not only to heart valves, but also to other collagenous tissues. As such, it could
be applied to study collagen fiber remodeling in native arteries (Schriefl et al., 2013),
the age-dependent changes of collagen fiber alignment in the pericardium (Sizeland
et al., 2014), and the collagen fiber remodeling during scar formation after myocardial
infarction (Whittaker, 1998).

In chapter 5, we developed a computational method to predict and explain the exper-
iments of Prodanov et al. (2010), where osteoblasts were cultured on grooved substrates
undergoing uniaxial cyclic strain in the direction of the grooves. Similar responses of
cells to mechanical and topographical stimuli have been observed for many cell types
(Tamiello et al., 2016); therefore, similar biological mechanisms are assumed to lead to
these cellular responses. As such, the importance of these findings crosses several fields
of biological research. The same could be said about the findings of chapter 6. Further-
more, the computational model proposed in this chapter has several other applications,
as it could be adapted to simulate the behavior of cells on substrates with circular, el-
liptical, or linear islands (Xia et al., 2008), or crossing adhesive lines (van Loosdregt
et al., 2016). Additionally, it could be employed to design new experimental studies to
investigate further the behavior of cells on patterned substrates.

7.5 Future directions

Current models to study TEHV remodeling rely on the hypothesis of conservation of
mass, which impairs predictions of long-term volumetric growth. As TEHVs are aimed
at being life-lasting valve replacements, modeling and optimizing this long-term tissue
growth is crucial. Several research groups have included growth into computational
models for collagen remodeling in cardiovascular tissues. Humphrey and Rajagopal
(2002) implemented growth using the concept of an evolving stress-free tissue configu-
ration. Successively, the group of Kuhl implemented volumetric growth, assuming stress
or stretch driven growth along the principal loading directions (Kuhl, 2014), and show-
ing that the choice of the driving stimulus largely determines the model predictions.
Therefore, identifying the driving stimulus of TEHV growth is of vital importance to pre-
dict long-term tissue development accurately, especially now that experimental studies
seem to confirm the growth potential of TEHVs (Syedain et al., 2016) and that human
pre-clinical studies have started (Bockeria et al., 2017). Oomen et al. (2016) made
a first attempt towards the identification of the stimulus driving the growth of heart
valves. In this study, a geometric and mechanical characterization of native heart valves
revealed increasing tissue stress with age, while stretch differences were relatively small
between the aortic and pulmonary valve as well as between valves of different ages.
Consequently, these results suggest that heart valve growth is a stretch mediated pro-
cess.

For the refinement of the computational models for tissue growth and remodeling,
a mechanistic understanding of these biological processes is essential. A promising ap-
proach towards this end is the use of agent-based computational models, where both
the behavior of individual agents and the interaction between them determines the out-
come of computational simulations. Single cells can potentially form the basis of such
models for TEHVs. Recently, Werfel et al. (2013) proposed an agent-based model to
predict cancer development due to physical changes in the surroundings of the cell. In
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their study, they modeled cells on a two-dimensional substrate as adhesive spheres, in
which the tension experienced by cells determines their fate; in particular, cells under
extension had a high probability to grow and proliferate, while compression induced
apoptosis. The computational simulations suggested that geometric changes and in-
creased variability in phenotype may be a mechanism for tissue disorganization and
subsequent non-mutagenic cancer development. Interestingly, in this model, both cell-
cell interaction and growth were incorporated. This could be translated to models for
growth of TEHVs and other cardiovascular tissues, such as blood vessels. In another
study, an agent-based mathematical model predicting scar development after a myocar-
dial infarction has been proposed by Rouillard and Holmes (2014). In particular, a pre-
vious agent-based model (Rouillard and Holmes, 2012) was coupled to a macroscopic
model for tissue mechanics. The fibroblasts in the agent-based part were assumed to
deposit and remodel the collagen in response to chemical, structural, and mechanical
stimuli. The model was able to predict infarct healing of a coronary ligation rat model
(Fomovsky and Holmes, 2010), and it showed the potential of this multi-scale approach.

7.6 Conclusion

In this thesis, computational models for the prediction and understanding of the cell-
mediated remodeling of collagenous tissues were developed. The computational results
suggest that cells and collagen fibers have a mutual influence on the respective distribu-
tions in collagenous tissues, and that this relationship is very important for tissue remod-
eling. In particular, the computational simulations in this thesis suggest that the traction
forces and (re)orientation of cells in response to mechanical stimuli are essential for the
emergence of the anisotropic collagen fiber distribution observed in native heart valves,
while the tendency of cells to coalign with collagen fibers is fundamental for the main-
tenance and reinforcement of this anisotropy. Given these results, the (re)orientation of
cells in response to the interplay between mechanical stimuli and the directional cues
provided by collagen fibers was further investigated at the cellular level. The computa-
tional simulations suggest that, when cells are exposed to both kinds of stimuli, cellular
orientation can be dictated by the interplay between actin stress fibers, focal adhesions,
and intracellular signaling. Moreover, they indicate that the cell tendency to coalign
with collagen fibers may result from cellular free-energy minimization and homeostasis.

Computational simulations have already demonstrated their utility in improving
heart valve tissue engineering techniques (Loerakker et al., 2013; Sanders et al., 2016).
Although the computational models developed in this thesis could be further extended,
they have already been proven to be potentially useful to get a mechanistic understand-
ing of the in vivo behavior of TEHVs (Loerakker et al., 2016) and in vitro experimental
studies. Furthermore, while the clinical application of TEHVs is getting closer, these
computational models are promising for helping the necessary establishment of a proper
TEHV remodeling.
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A.1 Analytical analysis of the ODE system (2.7) for N =
1

In this paper, we approximated the asymptotic solution of the ODE system (2.7), which
was introduced in Obbink-Huizer et al. (2014b) to describe the stress fiber remodeling
process. In particular, the analytical approximation was obtained by assuming that, in
case of a periodic strain, the asymptotic behavior of the solution is periodic and slightly
oscillating around a constant value. The assumption can be motivated by means of an
analysis of the ODE system (2.7) for N = 1. When only one direction for the stress fibers
is considered, by defining the solely unknown variable as Φ and substituting (2.8) into
(2.7), the ODE system becomes

Φ̇ + (a+ kd)Φ = aΦtot, (A.1)

where a is an auxiliary function dependent on the deformation profile and defined as

a := kf0 +kf1σmaxfε,a(ε)fε̇(ε̇) = kf0 +
kf1σmax

1 + 2/
√

5

(
1 +

kv ε̇+ 2√
(kv ε̇+ 2) + 1

)
exp(−(ε/ε0)2).

(A.2)

The equation (A.1) is an ordinary differential equation with coefficients dependent on
the strain profile, and it has the analytical solution

Φ(t) = exp (−A(t))

[
Φtot

∫ t

0

exp (A(τ)) a(τ)dτ + Φ(0)

]
, (A.3)

where A is the following auxiliary function:

A(t) =

∫ t

0

(a(τ) + kd)dτ. (A.4)
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The integrand of the function A(t) is strictly positive for every value of t, thus

lim
t→+∞

exp(−A(t)) = 0. (A.5)

As a consequence, the asymptotic behavior of the solution of the ODE (A.1) corresponds
to the function

Φ̃(t) := Φtot exp(−A(t))ψ(t), (A.6)

where

ψ(t) =

∫ t

0

exp(A(τ))a(τ)dτ. (A.7)

So far, we did not use the periodicity of the applied strain. In what follows, a represen-
tation for the function Φ̃(t) that benefits from the properties of the periodic strain will
be derived. First of all, if we assume that ε(t) is a periodic function of period T , then
also a has the same property. In fact,

a(t+ T ) = kf0 +
kf1σmax

1 + 2/
√

5

(
1 +

kv ε̇(t+ T ) + 2√
(kv ε̇(t+ T ) + 2)2 + 1

)
× (A.8)

× exp(−(ε(t+ T )/ε0)2) = (A.9)

= kf0 +
kf1σmax

1 + 2/
√

5

(
1 +

kv ε̇(t) + 2√
(kv ε̇(t) + 2)2 + 1

)
× (A.10)

× exp(−(ε(t)/ε0)2) = (A.11)

= a(t). (A.12)

Concerning A, proving that

A(t+ T ) = A(t) + kdT +

∫ T

0

a(τ)dτ (A.13)

is possible by using algebraic properties of the integrals and the periodicity of a. As a
consequence, the following identity can be derived:

exp[A(t+ jT )] = exp[A(t)]dj ∀j ∈ Z, (A.14)

where d is a constant defined as d ≡ exp(kdT +
∫ T

0
a(τ)dτ).

The last term of the function Φ̃(t) that has to be analyzed is ψ(t). By using the
periodicity of a, Eq. (A.14), and algebraic steps, the function ψ(t) defined in Eq. (A.7)
can be rewritten as

ψ(t) = ψ(T )

b tT c−1∑
j=0

dj + db
t
T cψ(t−

⌊
t

T

⌋
T ). (A.15)

By substituting (A.14) and (A.15) in equation (A.6), a representation for Φ̃(t) can be
found:

Φ̃(t) = Φtot exp(−A(t−
⌊
t

T

⌋
T ))

ψ(T )

b tT c∑
j=1

d−j + ψ(t−
⌊
t

T

⌋
T )

 , (A.16)
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where ψ(t) :=
∫ t

0
a(τ) exp(A(τ))dτ . The last representation for the function Φ̃(t), which

describes the behavior of the solution of (A.1), can be derived by noting that

lim
t→+∞

b tT c∑
j=1

d−j =
1

d− 1
, (A.17)

and therefore

Φ̃(t) = Φtot exp

(
−A

(
t−
⌊
t

T

⌋
T

))(
ψ(T )

d− 1
+ ψ

(
t−
⌊
t

T

⌋
T

))
. (A.18)

Proving that the asymptotic solution of (A.1) is periodic is then possible by using equa-
tion (A.18) and noting that t−

⌊
t
T

⌋
T = t+ T −

⌊
t+T
T

⌋
T .

Φ̃(t) is also slightly oscillating around a constant value. In fact, it is composed of
a constant term ψ(T )

d−1 which is added to an increasing function and multiplied with a
decreasing function.
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B.1 Summary of the computational model

In this study, the effects of collagen architecture on cellular remodeling were inves-
tigated by modifying and extending the computational model previously proposed by
Obbink-Huizer et al. (2014b,a). In particular, similar to Obbink-Huizer et al. (2014a),
the constitutive equation of the cell-populated collagen gels was modelled as a mixture
of cells, collagen, and other isotropic constituents:

σ = σsf + σcf + σmc, (B.1)

where σ is the total Cauchy stress, σsf the SF stress, σcf the collagen fiber stress, and
σmc takes into account the remaining isotropic components, such as proteoglycans. The
SF stress σsf was modeled by extending the computational model proposed by Obbink-
Huizer et al. (2014b), with the inclusion of the effects of collagen on SF remodeling.
The collagen fiber stress σcf was computed as in Obbink-Huizer et al. (2014a), but
considering collagen prestretch as described by Loerakker et al. (2014) and including
a reorientation law for collagen to consider the effects of cellular forces on the initial
reorganization of the developing collagen network. Finally, similar to Obbink-Huizer
et al. (2014b,a) and (Loerakker et al., 2014), the isotropic components were modelled
as a compressible Neo-Hookean material. Specifically,

σmc = φmc

(
κ

ln(J)

J
I +

G

J

(
B − J2/3I

))
, (B.2)

where φmc is defined as the volume fraction of the isotropic part, J = det(F ), and
B = F · F T , with F deformation gradient tensor. κ and G are the compression and
shear moduli, respectively defined as κ = ENH

3(1−2ν) and G = ENH
2(1+ν) , with ENH and ν

labeling the Young’s modulus and the Poisson’s ratio of the isotropic components.
In the following, the original computational models for SF stress, remodeling, col-

lagen fiber stress, and prestretch are first summarized. Subsequently, an evolution law
for collagen reorientation in collagen gels is proposed, together with the corresponding
extensions of the evolution law for SF remodeling.
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B.1.1 Original model for SF remodeling and collagen prestretch.

In the computational model of Obbink-Huizer et al. (2014b), the total SF stress was
computed as

σsf =
1

N

N∑
i=1

ϕisfσ
i
sf
−→e if−→e if , (B.3)

where N is the number of considered fiber directions, while ϕisf and σisf label the SF
volume fraction and SF stress along the i-th direction, whose orientation in the deformed
configuration is indicated by −→e if .

Due to the similarities of the mechanisms that determine SF and sarcomere contrac-
tions, the magnitude of σisf was computed with a simplified version of the Hill model
(Hill, 1938):

σisf = σmaxfε(ε
i)fε̇(ε̇

i), (B.4)

with σmax representing the maximum SF stress, while fε(ε) and fε̇(ε̇) are functions
defined to take into account the influence of the strain εi and strain rate ε̇i experienced
by the SFs along the i-th direction. The Green-Lagrange definition of the strain was used,
such that εi = 1

2

(
(λif )2 − 1

)
, with λif =

√−→e if0 · F T · F ·
−→e if0 the global stretch along

the i-th direction, characterized in the original configuration by the vector −→e if0. Similar
to Vernerey and Farsad (2011), the SF stress dependence on the strain was modeled as
a summation of an active (fε,a(εi)) and a passive (fε,p(εi)) component, such that

fε(ε
i) = fε,a(εi) + fε,p(ε

i). (B.5)

The active component, which represents the acto-myosin contraction, is defined as

fε,a(εi) = exp
(
−
(
εi/ε0

)2)
, (B.6)

while the passive part considered the strain-hardening response of extended SFs and has
the form

fε,p(ε
i) =

{
0, if εi < 0,(
εi/ε1

)2
, if εi ≥ 0.

(B.7)

In these definitions, the constants ε0 and ε1 calibrate the decrease of stress for values of
strain different from zero and the increase of stress in extension, respectively. Similar
to Deshpande et al. (2006), it was assumed that SF stress decreases in response to fast
compressions according to

fε̇(ε̇
i) =

1

1 + 2/
√

5

(
1 +

kv ε̇
i + 2√

(kv ε̇i + 2)2 + 1

)
, (B.8)

where kv describes the rate of decrease of SF tension depending on the rate of fiber
shortening.
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The SF volume fraction ϕisf was assumed to vary over time depending on the exerted
active tension, as described by:

dϕisf
dt

=
(
kf0 + kf1σmaxfε,afε̇

)
ϕm − kdϕisf . (B.9)

Here, kf0 characterizes the basal SF formation, kf1 its dependence on the strain and
strain rate, while kd describes the rate of dissociation. The variable ϕm is defined as the
volume fraction of monomeric actin, related to the SF volume fractions by means of a
conservation law of actin mass:

φa = ϕm +
1

N

N∑
i=1

ϕisf , (B.10)

where φa represents the constant total actin volume fraction. Note that, in the main
text of this work, the first term on the right side of Eq. (B.9) was represented with the
auxiliary function defined as

fmech(εi, ε̇i) = (kf0 + kf1σmaxfε,afε̇), (B.11)

which was used just for notation purposes, to summarize the term of the equation em-
bedding the effects of mechanical stimuli on SF remodeling.Collagen fiber stress was
computed as previously proposed by Loerakker et al. (2014), who used a similar ap-
proach as Obbink-Huizer et al. (2014a), but with the inclusion of the effects of pre-
stretch. In particular, the total collagen stress was described as

σcf =

N∑
i=1

ϕicfσ
i
cf
−→e if−→e if , (B.12)

with σicf the magnitude of the collagen fiber stress and ϕicf the collagen fiber volume
fraction along the i-th direction, which is related to the constant total collagen fiber
volume fraction φcf according to

φcf =

N∑
i=1

ϕicf . (B.13)

The collagen fiber stress along the direction i was described as

σicf =


k1k2
k3

(
ek3((λie)

2−1) − 1
)
, if λie < 1,

k1(λie)
2
(
ek2((λie)

2−1) − 1
)
, if λie ≥ 1,

(B.14)

where k1 and k2 are material parameters. The small compressive stress, dependent
on the parameter k3, was introduced to increase numerical stability (Loerakker et al.,
2014). The term λe is the elastic stretch, introduced to take the collagen fiber prestretch
into account and defined by partitioning the total fiber stretch λif into an elastic part λie
and a growth part λig, such that

λif = λieλ
i
g. (B.15)
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The elastic stretch λie can thus be computed from Eq. (B.15), after having identified
λig as follows. Cells are assumed to contract collagen fibers until reaching mechanical
equilibrium between stress fiber and collagen stress. Therefore, the preferred collagen
stress is

σicf,p = σisf . (B.16)

This preferred collagen fiber stress corresponds to a preferred collagen fiber shrinkage
via λig,p, which can be found by solving the system of Eqs. (B.14)-(B.16) once knowing
the value of λif and σisf . In this context, only collagen fiber compaction was considered
by constraining λig,p ≤ 1. Given λig,p, it was assumed that the evolution of λig towards
this (continuously updated) value can be described with

dλig
dt

=
1

τλ

(
λig,p − λig

)
, (B.17)

with τλ the time constant associated with the development of collagen fiber prestretch.
In the next paragraphs, for completeness and even though they were already intro-

duced in the main text, we report the equations and main hypotheses proposed in this
study to capture the cell-induced reorganization of unstable collagen networks and the
effects that stable collagen networks have on cellular reorientation in response to cyclic
strain.

B.1.2 Proposed model for initial collagen reorientation

We hypothesized that, when cells probe their surroundings by exerting traction forces,
unstable collagen fibers are reoriented from their original orientation towards the di-
rections with higher cellular tension. This process was modeled by assuming that the
collagen fiber distribution tends to a preferred one that is equal to the distribution of SF
stresses. That is to say

ϕicf,p∑N
i=1 ϕ

i
cf,p

=
σisf∑N
i=1 σ

i
sf

, (B.18)

where ϕicf,p is the preferred collagen fiber volume fraction along a direction i. Fur-
thermore, we assumed that the current collagen fiber volume fraction ϕicf tends to the
preferred ϕicf,p according to the first-order evolution law

dϕicf
dt

=
1

τcr

(
ϕicf,p − ϕicf

)
, (B.19)

where the parameter τcr characterizes the rate of collagen reorientation.

B.1.3 Effects of collagen architecture on SF remodeling.

Effects of loose collagen on cellular reorientation are not likely to be significant. For this
reason, we assumed that SF remodeling can be influenced by the collagen network only
once this is stabilized by non-covalent interactions and cellular crosslinks. Once stable,
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collagen can influence SF remodeling via (at least) two possible mechanisms, which are
treated below.

Model for contact guidance. We hypothesized that collagen provides cells with topo-
graphical cues, such that SFs tend to align along directions with higher collagen densi-
ties. To model this phenomenon, we adapted Eq. (B.9) by assuming that higher collagen
volume fractions along specific directions induce more SF formation. In particular, the
SF remodeling is described by

dϕisf
dt

=
(
fmech(εi, ε̇i) + fcg(ϕ

i
cf )
)
ϕm − kdϕisf , (B.20)

where

fcg(ϕ
i
cf ) = gcg

(
1− h1

exp(h2ϕicf ) + h1 − 1

)
(B.21)

is a monotonically increasing function dependent on ϕicf that describes the increase of
SF formation for increasing collagen content along the i-th direction. In the definition,
gcg represents the maximum effect of contact guidance on SF remodeling, while h1 and
h2 are parameters characterizing the inflection point and the associated slope of the
function fcg. While the inflection point is inversely proportional with h2, it increases
with increasing values of h1. On the other hand, the slope is directly proportional with
h2 and it decreases for increasing values of h1.

Model for steric hindrance. We propose that, due to spatial restrictions caused by
stable and high-density collagen networks, the SF remodeling potential decreases with
increasing collagen density and is completely inhibited when a certain threshold density
is exceeded. This mechanism was modeled by multiplying the term in the right-hand
side of Eq. (B.9) with a monotonically decreasing function dependent on the total col-
lagen fiber volume fraction φcf . Specifically, considering the effects of steric hindrance
without contact guidance, SF remodeling is described by

dϕisf
dt

=
(
fmech(εi, ε̇i)ϕm − kdϕisf

)
fsh(φcf ), (B.22)

with

fsh(φcf ) =

{
1− gshφcf , if φcf < 1/gsh,

0, if φcf ≥ 1/gsh.
(B.23)

Here, the parameter gsh describes the decrease of the rate of SF remodeling for increas-
ing total collagen volume fraction.

B.1.4 Analytical approximation of evolution laws.

To enable the simulation of relatively long time periods of tissue remodeling in a rea-
sonable amount of computational time, the ordinary differential equations describing
the evolution of SFs, collagen, and prestretch (Eqs. (B.9), (B.17), (B.19) and (B.20))
were solved by using the analytical approximation described in chapter 2. Briefly, under
certain conditions, given a system of ordinary differential equations of the form

ẋ(t) = f(t)x(t) + g(t), (B.24)
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where x : R −→ Rn is the solution of the system of equations of dimension n ∈ N, while
f : R −→ Rn×n and g : R −→ Rn×n are periodic functions, it can be shown that the
solution x(t) tends to a function x∞(t) = limt−→∞ x(t) that can be approximated with

x∞ ≈ −f̄−1ḡ, (B.25)

with the overbar denoting the average of the functions over their period. For example,
by applying this method to Eq. (B.20) for contact guidance, we can determine that SFs
tend to a preferred SF distribution ϕisf,p such that

ϕisf,p =
āi∑N

j=1
āj
N + kd

φa, (B.26)

with

āi =
1

T

∫ T

0

[
kf0 + kf1σmaxfε,a(εi)fε̇(ε̇

i) + fcg(ϕ
i
cf )
]
dt. (B.27)

With the analytical approximation for the asymptotic solution of Eq. (B.20), we assumed
that SFs tend to this preferential distribution according to

dϕisf
dt

=
1

τsf
(ϕisf,p − ϕisf ), (B.28)

with τsf characterizing the remodeling rate.
While this approach was successfully applied for Eqs. (B.9), (B.17), (B.19), and

(B.20), if this is applied to solve Eq. (B.22), no effects of steric hindrance would be ob-
served. This occurs because, according to this hypothesis, collagen only affects the rate
of SF remodeling; it does not influence the asymptotic SF distribution, so ϕisf,p is unaf-
fected. Therefore, to solve Eq. (B.22) while considering the effects of steric hindrance,
we chose a different approach. While the asymptotic SF distribution was still identified
with the analytical approximation (Eq. (B.25)), to take the effects of collagen on the
remodeling rate into account, we assumed that SFs tend to the preferential distribution
according to:

dϕisf
dt

=
fsh(φcf )

τsf
(ϕisf,p − ϕisf ), (B.29)

where fsh(φcf ) is defined in Eq. (B.23).
Due to these analytical approximations, it was possible to consider the dynamic na-

ture of the cyclic strain applied to the tissues and its influence on collagen and SF re-
modeling without effectively applying the complete stretching profile on the tissues for
6 consecutive days. Particularly, only a subset of the total amount of load cycles was
applied, while the major part of the dynamic load cycles was incorporated via the ana-
lytical approximation described in chapter 2 (see also supplementary figure B.3).

B.2 Supplementary figures and tables
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Figure B.1: Comparison of the order parameters of the SF distributions in uniaxially constrained
collagen gels, as predicted by the two extended computational models (blue for con-
tact guidance, red for steric hindrance) and the original model of Obbink-Huizer et al.
(2014b) (green), with low (A, C) and high (B, D) collagen densities. When available
in the literature (Foolen et al., 2012; Obbink-Huizer et al., 2014b), previous experi-
mental results were reported by showing the mean order parameter and the standard
deviation (black).

Figure B.2: Mesh and boundary conditions for the simulations of collagen gels which were biaxi-
ally (left) or uniaxially (right) constrained, and uniaxially cyclically stretched.
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Figure B.3: Profile of the loading cycle used in the approximation, adapted from chapter 2

Table B.1: Parameter set for computational simulations

Model component Parameter Value Reference

SFs φa 0.05 (-) Obbink-Huizer et al. (2014b)
σmax 200 kPa Obbink-Huizer et al. (2014b)
ε0 0.12 (-) Obbink-Huizer et al. (2014b)
ε1 0.17 (-) Obbink-Huizer et al. (2014b)
kv 50 s Obbink-Huizer et al. (2014b)
kf0 1.5 · 10−6s−1 Obbink-Huizer et al. (2014b)
kf1 7.0 · 10−7s−1Pa−1 Obbink-Huizer et al. (2014b)
kd 1.0 · 10−3s−1 Obbink-Huizer et al. (2014b)

Contact guidance gcg 2 (s−1) -
h1 500 (-) -
h2 300 (-) -

Steric hindrance gsh 2 (-) -
CFs φcf 0.5 or 0.15 (-) Obbink-Huizer et al. (2014a)

k1 22 kPa Sanders et al. (2016)
k2 7.50 (-) Sanders et al. (2016)
k3 100(-) Loerakker et al. (2014)

Remodeling rates τsf 5 min Loerakker et al. (2016)
τλ 1 h Loerakker et al. (2016)
τcr 1 h -

Isotropic component φmc 0.45 or 0.8 (-) -
E 30 kPa -
ν 0.3 (-) Loerakker et al. (2016)
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Supplementary information for
chapter 5

C.1 A summary of the original bio-chemo-mechanical
model

In this study, we approximated a mathematical model previously proposed (Vigliotti
et al., 2015) to simulate the remodeling of focal adhesions (FAs) and stress fibers (SFs).
For the sake of completeness, we include a summary of this model, derived from Vigliotti
et al. (2015) (with permission).

Pathak et al. (2011) presented a framework for analyzing the co-operative feedback
loop between signaling, FA formation, and cytoskeletal contractility. This loop involves
the following four steps:

• Step 1. Formation of FAs on portions of the cell membrane in contact with ligands
on the substrate.

• Step 2. The aggregation of proteins within the FA complexes triggers the cascade
release of a range of signaling proteins and ions such as Rho, Src, and Ca2+.

• Step 3. These signaling molecules stimulate cytoskeletal contractility via the for-
mation of actin/myosin SFs.

• Step 4. The contractile forces generated by SFs apply tractions on FAs, which
induce further aggregation of integrins in FAs, resulting in additional signaling
cascades and consequent cytoskeletal rearrangements.

The bio-chemo-mechanical model for the interaction of the cell with a substrate incorpo-
rates three components that link in a highly nonlinear manner: (i) the activation signal
generation; (ii) SF dynamics and (iii) FA dynamics. We shall briefly describe each of
these components in the one-dimensional (1D) context as employed in this study. Read-
ers are referred to Vigliotti et al. (2015) for a more comprehensive overview and the
appropriate references quoted in each case for further details of the models.
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C.1.1 Signal generation

The main elements of signal activation and transduction phenomena modeled in the cell
are: (a) activation of Rho due to the clustering of high-affinity integrins, (b) simultane-
ous diffusion and dephosphorylation of Rho molecules through the cell, (c) activation of
ROCK by Rho and finally (d) the activation of the intracellular contractile machinery, via
ROCK. Processes (a) and (b) are captured via the reaction diffusion equation (overdot
denoting differentiation with respect to time t)

Ṡ(x, t) = mskT
∂2S(x, t)

∂x2
− kdS(x, t) + (α/b) max

[
0, ξ̇H(x, t)

]
(C.1)

where the first term describes the diffusion of Rho through the cytosol, with S denoting
the concentration of Rho in molecules per unit volume,ms the mobility of Rho molecules
in the cytosol, k is Boltzmann’s constant, and T the absolute temperature. We assume
that the de-phosphorylation of Rho is described by a first order reaction with a forward
rate constant kd and a negligible reverse reaction rate. This forward dephosphorylation
reaction is modeled by the second term in Eq. (C.1). The rate of activation of Rho
at locations on the cell membrane where high-affinity integrins cluster is described by
the third term in Eq. (C.1). The rate of change of the concentration of high-affinity
integrins per unit cell membrane area is denoted by ξ̇H . An increment in ξH results
in the activation of Rho with a non-dimensional proportionality constant α. Thus, α is
interpreted as the number of Rho molecules activated when one low-affinity integrin
molecule is converted to its high-affinity configuration. Finally, b is the homogeneous
thickness of the cell. It is worth reminding the readers here that adhesions only occur
on the ridges and hence the activation of Rho as described by the third term in Eq. (C.1)
is nonzero only along the ridges of the substrate. The Rho diffusing through the cytosol
activates ROCK, which is also being simultaneously deactivated as it intramolecularly
refolds (i.e. process (c) mentioned above). We express these kinetics in terms of the
normalized activated ROCK concentration 0 ≤ C ≤ 1, where C is the ratio of the
activated ROCK concentration to the maximum allowable concentration. Assuming first
order kinetics, the rate of change of C at any location in the cytosol is given as

Ċ(x, t) = λf [S(x, t)/S0] [1− C(x, t)]− λbC(x, t) (C.2)

where λf is the rate constant governing the unfolding of the ROCK by Rho and S0

is a reference concentration of Rho. The rate constant λb governs the rate at which
ROCK is refolded. The kinetic relation provides the value of the signal C at any location
in the cytosol to initiate cytoskeletal SF rearrangement; i.e., this is the input to a SF
contractility model.

C.1.2 SF contractility model

The bio-chemo-mechanical model of Deshpande et al. (2006) captures the formation
and dissociation of SFs, as well as the associated generation of tension and contractility.
In this model, actin polymerization (leading to SF formation in the cell) is governed by
three coupled phenomena: (i) an activation signal, (ii) tension-dependent SF kinetics,
and (iii) a force generation mechanism governed by cross-bridge cycling between actin
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and myosin filaments.The formation of SFs is parameterized by an activation level, des-
ignated as η (0 ≤ η ≤ 1) defined as the ratio of the concentration of the polymerized
actin and phosphorylated myosin within a SF bundle to the maximum concentrations
permitted by biochemistry. The evolution of η(φ) in a direction φ with respect to the x1

axis (see Fig. 5.1 in the main text) is characterized by a first order kinetic equation,

η̇(x, φ, t) = kfC(x, t) [1− η(x, φ, t)]− kb [1− σ(x, φ, t)/σ0(x, φ, t)] η(x, φ, t), (C.3)

where kf and kb are the forward and backward rate constants, respectively. In this for-
mula, σ is the tension in the SF bundle oriented at angle φ while σ0 = σmaxη is the
corresponding isometric tension. The stress σ is related to the fiber contraction/exten-
sion strain rate ε̇(φ) by the cross-bridge cycling between the actin and myosin filaments.
A simplified (but adequate) version of the Hill equation (Hill, 1938) is employed to
model these dynamics and is specified as

σ(x, φ, t)

σ0(x, φ, t)
=


0 if

ε̇(x, φ, t)

ε̇0
< −η(x, φ, t)

kv
,

1 +
kv ε̇(x, φ, t)

η(x, φ, t)ε̇0
if −η(x, φ, t)

kv
≤ ε̇(x, φ, t)

ε̇0
≤ 0,

1 if
ε̇(x, φ, t)

ε̇0
> 0,

(C.4)

where the rate sensitivity coefficient, kv is the fractional reduction in fiber stress upon
increasing the shortening rate by ε̇0. Moreover, the fiber strain rate ε̇(x, φ, t) is related
to the material strain rate via ε̇(x, φ, t) = ε̇11 cos2(φ) + ε̇22 sin2(φ), as ε̇12 = 0, and the
average stress generated by the fibers then follows from a homogenization analysis as[

σ11 σ12

σ12 σ22

]
= (1/π)

∫ π/2

−π/2

[
σ cos2 φ (σ/2) sin 2φ

(σ/2) sin 2φ σ sin2 φ

]
dφ. (C.5)

The constitutive description for the stress state within the cell is completed by including
contributions from passive elasticity, attributed to intermediate filaments and micro-
tubules of the cytoskeleton attached to the nuclear and plasma membranes. These act
in parallel with the active elements, whereupon additive decomposition gives the total
stress as

Σi = σii + σpi , (C.6)

with the passive stress σpi assumed to be given by a 2D neo-Hookean elasticity model
parameterized by the Young’s modulus E and Poisson’s ratio ν. In terms of the two in-
plane principal stretches λi the two in-plane principal passive stresses σpi (corresponding
to the stress σpii) are given as

σpi = E/[4(1 + ν)]J−2(2λ2
i − I1) + E/[2(1− ν)](J − 1), (C.7)

where J = λ1λ2 and I1 = λ2
1 + λ2

2.

C.1.3 FA model

Deshpande et al. (2008) presented a thermodynamically motivated model for the mechano-
sensitive formation (and dissociation) of FAs. The model relies on the existence of two
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conformational states for the integrins: low and high-affinity states. Only the high-
affinity integrins interact with the ligand molecules on the extracellular matrix to form
complexes. The low-affinity integrins remain unbonded. Since the formation (or dissoci-
ation) of the FAs depends on the relative stabilities of the high- and low-affinity integrins,
we examine the thermodynamic equilibrium of the two states, which we model as an
ideal mixture. The chemical potential of the low-affinity integrins at concentration ξL is
dependent on their internal energy and configurational entropy in accordance with

χL(x, t) = µL + kT ln [ξL(x, t)/ξR] , (C.8)

where µL is the reference potential of the low-affinity integrins and ξR their reference
concentration. For geometrical reasons, the straight architecture of the high-affinity
integrins permits the interaction of its receptor with the ligand molecules on the ex-
tracellular matrix, and allows the force transmission between the cell and the substrate.
Thus, the high-affinity integrins have an additional contribution to their chemical poten-
tial, due to the elastic energy of the integrin–ligand complexes. The ensuing potential
is

χH(x, t) = µH + kT ln [ξH(x, t)/ξR] + Φ(∆)− F (∆)∆, (C.9)

where µH > µL is the reference potential of the high-affinity integrins and Φ(∆) the
stretch energy stored in the integrin ligand complex stretched by ∆ via a force F (∆) =
∂Φ(∆)
∂∆ . Spatial gradients in the foregoing chemical potentials motivate the fluxes of the

integrins. Two kinetic processes are involved: (i) those governing the rate of conversion
of the low-affinity integrins to their high-affinity state (and vice versa) and (ii) diffusive
fluxes of the low-affinity integrins along the plasma membrane. The kinetic process (i)
is typically fast compared with all other time scales involved and hence we assume local
thermodynamic equilibrium between the low and high-affinity states such that χL = χH ,
while the trafficking of the low-affinity is governed by the diffusion equation

∂ξ

∂t
(x, t) = m

∂

∂t

[
ξL(x, t)

∂χL(x, t)

∂x

]
, (C.10)

where ξ = ξH + ξL and m is the mobility of the low-affinity integrins along the cell
membrane. It now remains to specify the form of the stretch energy Φ(∆) and the
relation of ∆ to the displacements ucell and usub of the 1D cell and substrate respectively.
Rather than employing a complex interaction, we use a simple functional form that is a
piecewise quadratic potential expressed as

Φ(∆) =


(1/2)ks∆

2 if ∆ < ∆n,

ks(2∆n∆−∆2
n −∆2/2) if ∆n ≤ ∆ ≤ 2∆n,

ks∆
2
n if ∆ > 2∆n

(C.11)

where γ = Φ(∆ −→ +∞) = ks∆
2
n is the surface energy of the high-affinity integrins

and ks the stiffness of the integrin-ligand complex. The maximum force in the integrin-
ligand complex, ks∆2

n occurs at a stretch ∆ = ∆n. Finally, the evolution of the stretch
∆ is related to the displacement of the material point on the cell membrane in contact
with the ligand patch on the substrate via

∆̇i =

{
u̇sub,i − u̇cell,i, if ∆ < ∆n or F ∆̇ < 0,

0, otherwise,
(C.12)
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where ∆ =
√

∆2
1 + ∆2

2.

Mechanical equilibrium

Mechanical equilibrium of the 1D cell stipulates that

b
∂Σi
∂xi

= ξHF (C.13)

for the portion of the cell along where adhesions occurs (i.e. along the ridges of the
grooved substrate) and F is the force exerted by the cell on the integrin-ligand complex.
On the portion of the cell that cannot form adhesions (i.e. the portion of the cell over
the grooves), ∂Σ1

∂x1
= 0. Thus, the total stress Σ1 is spatially uniform over the portion of

the cell lying over the grooves.

C.1.4 Boundary conditions

We analyze a 1D unit cell of length L0 as sketched in Fig. 5.1 in the main text with x1 = 0
corresponding to the left edge. The boundary conditions for the mechanical equilibrium
(Eq. (C.13)) follow from spatial periodicity as u1 = 0 at x1 = 0 and x1 = L0. In
addition, we assume the state of the central portion of the cell to be invariant in the
x2-direction. Spatial periodicity also dictates that there is no net flow of the activated
Rho or the low-affinity integrins out of the unit cell and thus the boundary conditions to
Eq. (C.1) and (C.10) are ∂S

∂x1
= 0 and ∂ξL

∂x1
= 0, respectively at x1 = 0 and x1 = L0.

C.2 Resolution of Eqs. (5.9) and (5.11)

C.2.1 Resolution of Eq. (5.9)

For convenience, Eq. (5.9) is here reported in mathematical terms. We aim at the
resolution of this equation for the interval x ∈ [0, L0] (with L0 positive parameter) and
for positive values of time t. Since we have also specific initial conditions and boundary
conditions on the spatial derivative for the solution of Eq. (5.9), we have to solve the
Neumann problem:

Ṡ(x, t) = mskT
∂2S(x,t)
∂x2 − kdS + Sadd(x, t), for 0 ≤ x ≤ L0 and t ≥ 0,

S(x, 0) = 0, for 0 ≤ x ≤ L0,
∂S(0,t)
∂x = ∂S(L,t

∂x = 0 for t ≥ 0,

(C.14)

where S is the unknown function, the overdot indicates the time derivative, while ms,
k, T , and kd are positive parameters. The last term on the right side of Eq. (C.14) is an
auxiliary function defined as

Sadd(x, t) =

{
(α/b)ξ̂H if x ∈ Us and tf = n+ 1/2, n ∈ N,
0 otherwise,

(C.15)

where Us = [L0/4 − Ds, L0/4] ∪ [3L0/4, 3L0/4 + Ds], while Ds, α, b, ξ̂H , and f are
positive parameters. Note that Sadd is a periodic function of period 1/f and, when kd is a
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much larger parameter compared to the other quantities (such as for our computational
simulations), (i) the function S decays very fast to zero because of the second term on
the rights side of the differential equation in Eq. (C.14), and consequently (ii) also S is
a periodic function of period 1/f . The properties (i) and (ii) could be verified over the
solution of Eq. (C.14), which is going to be found in the following paragraphs.

Due to the spatial symmetry of the problem with center x = L0/2 and because of the
properties (i) and (ii), solving Eq. (C.14) is equivalent to find a function Γ such that:

Γ̇(x, t) = D ∂2Γ(x,t)
∂x2 − kdΓ, for 0 ≤ x ≤ L and 0 ≤ t ≤ 1/f,

Γ(x, 0) = Si [1− (H(x− L/2) +H(L/2−Ds − x))] , for 0 ≤ x ≤ L,
∂Γ(0,t)
∂x = ∂Γ(L,t)

∂x = 0, for 0 ≤ t ≤ 1/f,

(C.16)

with D = mskT , Si = (α/b)ξ̂H , L = L0/2 auxiliary symbols, while H is the Heaviside
step function. In fact, once found Γ satisfying Eq. (C.16), the solution of Eq. (C.14) can
be determined as

S(x, t) =

{
Γ(x, t− btfc/f + 1/(2f)) for 0 ≤ x ≤ L0/2

Γ(L0 − x, t− btfc/f + 1/(2f)) for L0/2 ≤ x ≤ L0

(C.17)

The Neumann problem to solve can be further simplified by observing that the solution
of Eq. (C.16) has the form Γ(x, t) = s(x, t) exp(−kdt), where s(x, t) is an auxiliary
function, solution of the problem
ṡ(x, t) = D ∂2s(x,t)

∂x2 , for 0 ≤ x ≤ L and 0 ≤ t ≤ 1/f,

s(x, 0) = si [1− (H(x− L/2) +H(L/2−Ds − x))] , for 0 ≤ x ≤ L,
∂s(0,t)
∂x = ∂s(L,t)

∂x = 0, for 0 ≤ t ≤ 1/f.

(C.18)

In fact, given s(x, t) solution of Eq. (C.18), verifying that Γ(x, t) = s(x, t) exp(−kdt)
satisfies the boundary and initial conditions of Eq. (C.16) is easy, while the resolution
of the differential equation is given by

Γ̇(x, t) = ṡ(x, t) exp(−kdt)− kds(x, t) exp(−kdt) =

= D
∂2s(x, t)

∂x2
exp(−kdt)− kdΓ(x, t) = D

∂2Γ(x, t)

∂x2
− kdΓ(x, t).

(C.19)

The differential equation present in Eq. (C.18) is a common diffusion equation, and a
representation for its solution can be found using the method of separation of variables.
In particular, we looked for a solution s(x, t) having the form

s(x, t) = χ(x)τ(t) (C.20)

where χ and τ are auxiliary functions that depend on x and t respectively. A repre-
sentation for s(x, t) was found by imposing the resolution of the diffusion equation
and the boundary conditions of Eq. (C.18) to these functions χ and τ . Then, from
Γ(x, t) = s(x, t) exp(−kdt), we finally found that Γ(x, t) has the form

Γ(x, t) =

(
C0 +

∞∑
n=1

Cn cos(nπx/L) exp(−(nπ/L)2Dt)

)
exp(−kdt), (C.21)



C.2 Resolution of Eqs. (5.9) and (5.11) 137

where the coefficients Cn need to be determined using the initial condition for Γ(x, 0).
In particular, we need to impose

Γ(x, 0) =

∞∑
n=0

Cn cos(nπx/L) = Si [1− (H(x− L/2) +H(L/2−Ds − x))] . (C.22)

As we are restricted in x ∈ [0, L], we can consider
Si [1− (H(x− L/2) +H(L/2−Ds − x))] as a periodic even function in the whole
real number line and write it in terms of the Fourier series. In this way, we can
understand that our coefficients Cn have to be equal to the Fourier coefficients of the
function Si [1− (H(x− L/2) +H(L/2−Ds − x))] written in the even Fourier series.
Therefore, we can finally write the solution for Eq. (C.16) as:

Γ(x, t) = (SiDs/L+

+

∞∑
n=1

2Si(sin(πn/2)− sin(πn/2− πnDs/L))·

· cos(nπx/L) exp(−(nπ/L)2Dt)/(πn)) exp(−kdt).

(C.23)

At this point, the solution S(x, t) for Eq. (C.14) can be determined by using Eq. (C.16)
and by substituting the symbols D = mskT , Si = (α/b)dξH , and L = L0/2.

C.2.2 Analytical approximation of Eq. (5.11)

We aim at the analytical approximation, for x ∈ [0, L0] and very large values of t, of the
solution of equation

Ċ(x, t) = λf [S(x, t)/S0] [1− C(x, t)]− λbC(x, t) (C.24)

where C is the unknown function, the overdot indicates the time derivative, while S0,
λf , and λb are positive parameters. Since S(x, t) is periodic and there is no spatial
derivative, Eq. (C.24) is an ordinary differential equation with periodic coefficients.
For a fixed value of x ∈ [0, L0], by omitting the spatial variable and defining a(x, t) =
λf [S(x, t)/S0], we have that Eq. (C.24) is equivalent to

Ċ(t) + (a(t) + λb) = a(t). (C.25)

As can be proven with a simple verification, the solution of this equation can be written
as

C(t) = exp (−A(t))

[∫ t

0

exp(A(θ))a(θ)dθ + C(0)

]
, (C.26)

with

A(t) =

∫ t

0

(a(θ) + λb)dθ. (C.27)
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Note that A(t) is an integral function with a strictly positive integrand, and thus
limt→∞ exp(−A(t)) = 0. Consequently, the asymptotic solution (for very large values of
t) of Eq. (C.25) has the form

lim
t→∞

C(t) = C∞(t) = exp(−A(t))

[∫ t

0

exp(A(θ))a(θ)dθ

]
. (C.28)

At this point, an analytical approximation of C∞(t) was found by using a similar ap-
proach as reported in chapter 2. In particular, we first noticed that, by using algebraic
properties of the integrals and the periodicity of a(t), demonstrating that also (I) C∞(t)
is periodic with period 1/f is possible. In addition, with the parameters chosen for the
computational simulation, (II) C∞(t) results slightly oscillating around a constant value
due to its slow remodeling. Verifying this property is possible by means of numerical
integration of Eq. (C.24). The properties (I) and (II) can be used to find an approxima-
tion for C∞(t). In fact, from (I) and (II), it follows that C∞(t) can be approximated by
its average over its period:

C∞(t) ≈ f
∫ 1/f

0

C∞(θ)dθ = C̄∞, (C.29)

where the overbar indicates the average of a function. Moreover, from (I) we can ob-
serve that

f

∫ 1/f

0

Ċ∞(θ)dθ = 0, (C.30)

while from (II) we can obtain the approximation

f

∫ 1/f

0

(a(θ) + λb)C∞(θ)dθ ≈ (ā+ λb)C̄∞ (C.31)

By using the properties shown in Eq. (C.29)-(C.31) and Eq. (C.25) for very large values
of t, the following equivalence can be found:

0 =

∫ 1/f

0

Ċ∞(θ)dθ =− f
∫ 1/f

0

(a(θ) + λb)C∞(θ)dθ+

+ f

∫ 1/f

0

a(θ)dθ ≈ (ā+ λb)C̄∞ + ā.

(C.32)

From this equation, by reintroducing the variable x in the notation and by substituting
a(x, t) = λf [S(x, t)/S0], it follows that

C̄∞(x) ≈ ā(x)/(ā(x) + λb) =

= λf
[
S̄(x, t)/S0

]
/(λf

[
S̄(x, t)/S0

]
+ λb) =

=
[
1 + (λ0S0)/(λf S̄(x))

]−1
,

(C.33)

which corresponds to Eq. (5.12) in the main text. In this equation, S̄(x) denotes the
average of the solution of Eq. (C.14) for very large values of t. Observe that this last
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quantity corresponds to f
∫ 1/f

0
Γ(θ)dθ, where an analytical expression for Γ was reported

at Eq. (C.23). By integrating that equation over t and by noticing that for the parameters
of this study exp(−((nπ/L)2D+ kd)/f) ≈ 0 for every value of n positive integer, we can
find that

S̄(x) = f

∞∑
n=0

Kn cos(nπx/L)
[
1− exp(−((nπ/L)2D + kd)/f)

]
≈

≈ f
∞∑
n=0

Kn cos(nπx/L),

(C.34)

with

Kn = (SiDs)/(kdL) (C.35)

and

Kn =
2SiL

2 [sin(πn/2)− sin(πn/2− πnDs/L)]

πn(n2π2D + kdL2)
. (C.36)

By substituting Eq. (C.34) into Eq. (C.33) we obtain

C̄∞(x) ≈
[
1 +

λbS0

λff
∑∞
n=0Kn cos(nπx/L)

]−1

. (C.37)

This last representation has to be approximated further, since it contains a summation
of infinite terms. To this aim, we need to find an integer M such that

M∑
n=0

Kn cos(nπx/L) ≈
∞∑
n=0

Kn cos(nπx/L). (C.38)

Once defined

RM = |
∞∑
n=0

Kn cos(nπx/L)−
M∑
n=0

Kn cos(nπx/L)| (C.39)

absolute error of the approximation, we can notice that an upper boundary of this error
can be found by considering the properties of the summations with strictly positive
terms:

RM =

∞∑
n=M+1

Kn cos(nπx/L) ≤
∞∑

n=M+1

4SiL
2

πn (n2π2D + kdL2)
≤

≤
∫ ∞
M+1

4SiL
2

πz (z2π2D + kdL2)
dz =

ln
[
1 + (kdL

2)/(π2(M + 1)2)
]

2kdL2

(C.40)

At this point, Eq. (C.40) can be used to choose an adequate value of M such that Eq.
(C.38) is verified with a certain tolerance. Once chosen in this way a fixed value for M
(that we label with M̂), the solution of Eq. (C.24) can be finally approximated with the
formula

C̄∞(x) ≈

[
1 +

λbS0

λff
∑M̂
n=0Kn cos(nπx/L)

]−1

. (C.41)
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Supplementary information for
chapter 6

D.1 The Gibbs free-energy and cellular homeostasis

In the main text, each configuration of the system comprising the cell and the substrate
was associated with a specific value of Gibbs free-energy (Eq. (6.2)). In what follows,
based on Shishvan et al. (2017), we motivate this association and the consequent prob-
ability of observing a configuration (j) (Eq. (6.7)). Moreover, the computational models
to compute the specific Helmholtz free-energies fcyto and Φelas are briefly summarized.

D.1.1 The Gibbs free-energy G(j) and its associated probability P (j)
eq

In principle, each configuration of the cell on the substrate can be characterized by
multiple configurations (position and momentum) of the molecules in the cell. Such
molecular configurations are called molecular microstates (Shishvan et al., 2017), and
they vary over the time-scale of a few seconds (McGrath et al., 1998). In contrast,
the configuration of the cell on the substrate, indicated as morphological microstates
in Shishvan et al. (2017), evolve over the time-scale of minutes (Ponti et al., 2004).
This difference in time-scales is advantageous for the identification of the probabil-
ity of observing a certain configuration, via maximization of the total Gibbs entropy
under specific constraints. In what follows, we denote with P (i) and P (j) the prob-
ability of a molecular microstate (i) and morphological microstate (j), respectively,
while P (i,j) is the joint probability. Importantly, the morphological microstates can be
viewed as a partition of the set of molecular microstates, such that each molecular mi-
crostate (i) is part of one and only one morphological microstate (j). Consequently,
P (j) =

∑
i∈j P

(i,j) and
∑
i P

(i) =
∑
j

∑
i∈j P

(i,j). By using these two properties, the
definition P (i|j) = P (i,j)/P (j) for the conditional probability, and the Bayes’ theorem,
the total Gibbs entropy IT can be computed as (Shannon, 1948; Jaynes, 1957; Cover
and Thomas, 2006)

IT ≡ −
∑
i

P (i) lnP (i) = −
∑
j

∑
i∈j

P (i,j) lnP (i,j) =
∑
j

P (j)I
(j)
M + IΓ. (D.1)
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Here, I(j)
M = −

∑
i∈j P

(i|j) lnP (i|j) denotes as the entropy of the molecular microstates
in the morphological microstate (j), while IΓ = −

∑
j P

(j) lnP (j) describes the entropy
of morphological microstates. By considering the separation of time-scales between
molecular and morphological microstates, we will first proceed to maximize the entropy
(Eq. (D.1)) over the time-scale of seconds, and subsequently over the time-scale of
minutes, by imposing proper constraints for both time-scales.

Maximization of entropy over the time-scale of seconds

We observe that the morphological microstate does not change over the short time-scale
of seconds, and therefore dP (j) = 0 over this short term. Furthermore, over this time-
scale, there is no transfer of molecules between the cell and the nutrient bath, while
the species inside the cell change because of metabolic processes. Thus, in this case, for
the maximization of the entropy, we have to impose the conservation of temperature
and pressure provided by the nutrient bath, while we cannot impose the conservation
of the molecular species within the cell. Consequently, analogous to the case of an
isobaric-isothermal ensemble, the entropy for the short time-scale is maximized with
the constraints (a)

∑
i∈j P

(i|j) = 1 and (b)
∑
i∈j P

(i|j)h(i) = H(j), with h(i) and H(j)

the enthalpies of a molecular microstate (i) and a morphological microstate (j), respec-
tively. We then look for a value of P (i|j), denoted with P (i|j)

eq , which corresponds to the
maximum value of IT over the short time-scale and which satisfies the constraints (a)
and (b). These constraints are enforced via Lagrange multipliers (λ0 − 1) (for (a)) and
λ (for (b)):

0 = d

∑
j

P (j)I
(j)
M + IΓ − λ

∑
i∈j

P (i|j)
eq h(i) −H(j)

 −
−(λ0 − 1)

∑
i∈j

P (i|j)
eq − 1

 =

=
∑
j

P (j)dI
(j)
M − λ

∑
i∈j

dP (i|j)
eq h(i) − (λ0 − 1)

∑
i∈j

dP (i|j)
eq ,

(D.2)

where we have used the fact that IΓ and H(j) are invariant over the short time-scale.
Given that dI(j) is independent from (j) and dP (i|j)

eq are independent and arbitrary, via
algebraic steps it can be found that Eq. (D.2) is equivalent to

lnP (i|j)
eq + λh(i) + λ0 = 0 ∀ (i) ∈ (j), (D.3)

and consequently

P (i|j)
eq =

exp(−λh(i))

expλ0
=

exp(−λh(i))

Z
(j)
M

=
exp(−λh(i))∑
i∈j exp(−λh(i))

, (D.4)

where

expλ0 ≡ Z(j)
M ≡

∑
i∈j

exp(−λh(i)) (D.5)
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followed from the constraint
∑
i∈j P

(i|j)
eq = 1, with Z(j)

M auxiliary partition function. To

completely describe P (i|j)
eq with Eq. (D.4), we need to determine λ. This can be achieved

by writing the maximized molecular entropy S(j)
M as

S
(j)
M ≡ max

P (i|j)

[
I

(j)
M

]
= lnZ

(j)
M + λH(j), (D.6)

where we have substituted Eq. (D.4) into the definition of I(j)
M , and we have used the

equivalences λ0 = lnZ
(j)
M and ∂ lnZ

(j)
M

∂λ = −H(j) that follow from Eq. (D.5) and constraint

(b). From Eq. (D.6) and the definition of thermodynamic temperature kT ≡ ∂H(j)

∂S
(j)
M

for

a system with constant temperature T , we have λ =
∂S

(j)
M

∂H(j) = 1/kT , where k is the
Boltzmann constant.

At this point, a value of Gibbs free-energy G(j) can be associated with each equilib-
rium morphological microstate (or cellular configuration) (j). In particular, once defined
G(j) =

∑
i∈j P

(i|j)h(i) − kTI(j)
M as the Gibbs free-energy corresponding to a morpholog-

ical microstate, it can be demonstrated that P (i|j)
eq not only maximizes the entropy I(j)

M ,
but it also minimizes the Gibbs free-energy over the short time-scales, such that

G(j) ≡ min
P (i|j)

G(j) =
∑
i∈j

P (i|j)
eq h(i) − kTS(j)

M = H(j) − kTS(j)
M (D.7)

is the energy associated with a morphological microstate (j) over the time-scale of min-
utes.

Maximization of entropy over the time-scale of minutes

From Eqs. (D.6) and (D.7), it follows that the entropy IT , defined in Eq. (D.1), can be
maximized over the time-scale of minutes by maximizing

I ′T = − 1

kT

∑
j

P (j)
[
G(j) −H(j)

]
−
∑
j

P (j) lnP (j). (D.8)

We indicate with P
(j)
eq the equilibrium distribution determined by maximizing I ′T with

the three constraints: (a)
∑
j P

(j) = 1; (b)
∑
j P

(j)G(j) = Ḡ; and (c)
∑
j P

(j)H(j) = H̄.
The constraint (b) is enforced as a consequence of the tendency of cells to maintain a
constant number of molecular species inside the body of the cell (cellular homeostasis),
as it will be discussed in section D.1.2. In contrast, the condition (c) follows from
enforcing the conservation of the temperature not only for the short, but also for long
time-scales. With an analogous procedure as for short time-scales, via maximization of
the entropy with the constraints enforced via Lagrange multipliers (λ1 − 1), ζ1, and λ2,
it can be found

P (j)
eq =

1

Z
exp

[
−ζG(j) −

(
λ2 −

1

kT

)
H(j)

]
, (D.9)

where ζ ≡ ζ1 + 1/(kT ) is an auxiliary parameter and

Z ≡
∑
j

exp

[
−ζG(j) −

(
λ2 −

1

kT

)
H(j)

]
= exp(λ1) (D.10)
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is an auxiliary function identified by imposing (a). Now, by substituting Eqs. (D.9) and
(D.10) into Eq. (D.8), and accounting for the properties (a)-(c) satisfied by P (j)

eq , it can
be derived that the maximized entropy ST is

ST ≡ max
P (j)

[I ′T ] = ζ1Ḡ+ λ2H̄ + lnZ, (D.11)

from which follows ∂ST /∂H̄ = λ2. From this equivalence and from the fact that the
temperature constraint entails that ∂H̄/∂ST = kT , it follows that λ2 = 1/(kT ). Conse-
quently, by substitution in Eqs. (D.9) and (D.10), we find

P (j)
eq =

1

Z
exp

[
−ζG(j)

]
, with Z =

∑
j

exp
[
−ζG(j)

]
. (D.12)

D.1.2 The constraint of cellular homeostasis

We now proceed to justify the condition (b)
∑
j P

(j)
eq G(j) = Ḡ for the entropy maximiza-

tion over the time-scale of minutes, where Ḡ is a constant value which depends on the
cell type and does not depend on the substrate where the cell is adhered to.

Given a cell with volume V and an acting pressure P, the internal energy U (j) of a
morphological microstate is defined as

U (j) = kTS
(j)
M − PV +

∑
α

X (j)
α N (j)

α , (D.13)

where X (j)
α and N

(j)
α =

∑
i∈j P

(i|j)
eq n

(i)
α denote the chemical potential and the average

number of molecules of species (α) in the morphological microstate (j), respectively,
with n

(i)
α number of molecules of species (α) in the molecular microstate i ∈ j. The

enthalpy of a morphological microstate can be defined as H(j) ≡ U (j) + PV . By sub-
stituting Eq. (D.13) and this definition of H(j) in Eq. (D.7), we find that the Gibbs
free-energy of the system is given by

G(j) =
∑

system (α)

X (j)
α N (j)

α . (D.14)

Let us now consider a free-standing cell. As discussed in the main text, this cell has
only one morphological microstate ensuring mechanical and chemical equilibrium. We
denote

Gs =
∑

cell (α)

XSαNS
α (D.15)

as the equilibrium Gibbs free-energy associated with this morphological microstate, with
XSα the chemical potential of the species (α) and the average number of these species
denoted with NS

α . If we now consider a cell interacting with a substrate, then

G(j) =
∑

system (α)

X (j)
α N (j)

α = GS +GSsub + ∆G(j), (D.16)
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with GSsub the Gibbs free-energy of the elastic substrate when isolated, and with ∆G(j)

denoting the change of equilibrium Gibbs free-energy due to the interaction between
the cell and the substrate. We observe that this change can be related to both changes of
energy within the cell and within the substrate. For an isobaric and isothermal system,
from the Gibbs-Duhem equation, it follows that such variation can be written as

∆G(j) =
∑

cell (α)

XSα ∆N (j)
α +

∑
sub (β)

XSβ ∆N
(j)
β (D.17)

where XSβ quantifies the chemical potential of the molecular species (β) of the substrate,

while ∆N
(j)
α and ∆N

(j)
β are the changes in the number of species (α) and (β) within the

cell and substrate, respectively, resulting from the interaction between the cell and the
substrate. We now restrict ourselves to purely elastic substrates, from which it follows
∆N

(j)
β = 0. At this point, without loss of generality, we can assume GSsub = 0. Therefore,

considering this equation and Eqs. (D.15)-(D.17), the average Gibbs free-energy of a
system can be computed as∑

j

P (j)
eq G

(j) = GS +
∑

cell (α)

XSα
∑
j

P (j)
eq ∆N (j)

α =

=
∑

cell (α)

XSα
∑
j

P (j)
eq (NS

α + ∆N (j)
α ).

(D.18)

The term
∑
j P

(j)
eq (NS

α +∆N
(j)
α ) ≡ N̄α on the right-hand side describes the average num-

ber of molecules of species (α) over the time-scale of minutes. The constraint of cellular
homeostasis prescribes that this quantity only depends on the cell type, and it does not
depend on the substrate. If we translate this observation in mathematical terms, it fol-
lows that N̄α ≡ NS

α , and consequently
∑
j P

(j)
eq ∆N

(j)
α = 0. From this equation and Eq.

(D.18) we can finally find the constraint (b):∑
j

P (j)
eq G

(j) =
∑

cell (α)

XSα
∑
j

P (j)
eq (NS

α + ∆N (j)
α ) =

=
∑

cell (α)

XSαNS
α = GS = Ḡ,

(D.19)

with Ḡ constant value that depends only on the cell type, and does not depend on the
substrate.

D.1.3 The specific Helmholtz free-energy of stress fibers and cellu-
lar passive components

In the main text, we have introduced the Helmholtz free-energies associated with stress
fibers fcyto and other passive cellular components Φelas. These two free-energies were
quantifies such as in Shishvan et al. (2017). In particular, fcyto was derived from the
model for stress fiber remodeling developed by Vigliotti et al. (2016), while Φelas was
derived from a two-dimensional generalization of the Ogden model. In what follows,
we briefly summarize the quantification of these two energies.
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The specific Helmholtz free-energy of stress fibers fcyto

Vigliotti et al. (2016) envisioned stress fibers as formed by a number of functional units
with reference length l0. The quantities describing stress fibers are defined in a repre-
sentative volume element (RVE) that, in its undeformed configuration, is defined as a
cylinder with axis along the thickness of the two-dimensional cell, radius nRl0/2, and
thickness b0 (such as the cell). Stress fibers pass from the center of this RVE, oriented
at angles φ (−π/2 ≤ φ < π/2) with respect to the axis x1. In the undeformed state,
nR functional units are present in the stress fibers in each direction while, along the
thickness, ns layers of identically distributed stress fibers are present. Given an infinites-
imal area of the cylinder of the RVE oriented at an angle φ, the number of stress fibers
crossing this area is dΠ = ηdφ, such that η(φ) is defined as the angular stress fiber
concentration.

When a nominal strain εnom(φ) is applied along the normal of the surface dA, the
stress fibers in that direction deform and, in response, remodel. In particular, due to the
deformation of stress fibers and their functional units, the number of these functional
units increases (in case of tensile strain) or decreases (for compressive strain) till their
deformed length reaches an optimal value lss. It follows that, in addition to the nominal
strain of the RVE, we can define a nominal strain ε̃nom(φ) for the stress fiber functional
units, relative to l0. A relationship between εnom(φ) and ε̃nom(φ) can be found by noting
that n0 ≡ nR [1 + εnom] functional units of length l0 are necessary to cover the deformed
stress fiber length nRl0 [1 + εnom]. In contrast, if n functional units are present along
such length, each of them has the length nRl0 [1 + εnom] /n, and thus

ε̃nom =
nRl0 [1 + εnom]

l0n
− 1 =

n0

n
− 1. (D.20)

At steady-state each unit has length lss, thus

ε̃nom = lss/l0 − 1 ≡ ε̃ssnom, (D.21)

and

nss = nR
[1 + εnom]

[1 + ε̃ssnom]
(D.22)

are the nominal strain and number of stress fiber functional units along a direction φ at
steady-state. At this point, we define as

Nb ≡
∫ π/2

−π/2
ηnssdφ (D.23)

the total number of stress fiber functional units within the entire RVE at steady-state. At
the same time, within the same RVE, there are a number of unbound functional units
Nu, such that the total number of functional units within the RVE is NT = Nb + Nu.
In the time-scale analyzed in this study, the total number of functional units within the
cell normalized over the cell volume was assumed to be constant, and it was denoted
with N0 ≡

∫
Vcell

NT dV/V0, where Vcell and V0 represent the volume of the cell in the
deformed and undeformed configurations, respectively. Given the conservation of this
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value, normalized quantities were defined as N̂u ≡ Nu/N0, N̂T ≡ NT /N0, N̂b = Nb/N0,
η̂ ≡ ηnR/N0, and n̂ss ≡ nss/nR.

When the cell is at steady-state, ε̇nom = ˙̃εnom = 0, and from the assumption that
stress fibers exert tension with mechanisms similar to striated muscle, it follows that in
these conditions they exert the maximum stress σmax. For these conditions, the chemical
potential associated with each functional unit that is part of a stress fiber is

Xb =
µb
nR

+ kT ln


 πη̂n̂ss

N̂u

(
1− η̂

η̂max

)
 1

nss (
N̂u

πN̂L

) (D.24)

where the first term on the right-hand side accounts for the enthalpy µb of nR func-
tional units, while the second term considers the entropy of mixing between packets of
unbound and bound stress fiber proteins with sites for bound proteins, and the entropy
of mixing between unbound proteins and lattice sites. For a complete derivation of this
chemical potential, we refer the reader to Shishvan et al. (2017). In Eq. (D.24), η̂max
represents the maximum value of η̂ such that all available lattice sites NL are occupied,
while N̂L ≡ NL/N0. The enthalpy µb of bound proteins can be quantified as

µb = µb0 − σmaxΩ(1 + ε̃ssnom), (D.25)

where µb0 is the internal energy of nR bound stress fiber functional units and Ω ≡
A0n

Rl0 is the volume of nR functional units of length l0. The chemical potential associ-
ated with every unbound functional unit is

Xu =
µu
nR

+ kT ln

[
N̂u

πN̂L

]
, (D.26)

with µu the internal energy of unbound functional units potentially forming nR stress
fiber units. Now, given ρ0 ≡ N0/Vcell, the specific Helmholtz free-energy accounting for
the stress fiber cytoskeleton is

fcyto = ρ0

(
N̂uXu +

∫ π/2

−π/2
η̂n̂ssXbdφ

)
. (D.27)

This quantity can be computed, given the previous definitions, once calculated η̂ and N̂u.
Note that fcyto has to be computed for equilibrium morphological microstates, which
means dG(j) = 0. It can be demonstrated (Shishvan et al., 2017) that this requirements
translates to the constraints of chemical and mechanical equilibria Xb = Xu and Σij = 0,
where Σij is the total Cauchy stress, characterized as a summation between the stress
fiber stress, the stress from the cellular adhesions, and the passive stress of the other
passive cellular components. From the chemical equilibrium Xb = Xu and Eqs. (D.24)
and (D.26), it follows an expression of η̂ in terms of N̂u:

η̂ =
N̂uη̂max exp

[
n̂ss(µu−µb)

kT

]
n̂ssη̂max + N̂u exp

[
n̂ss(µu−µb)

kT

] . (D.28)
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The normalized value N̂u can be computed by recalling that NT = Nu +Nb is the total
number of functional units in a material point xi, while N0V0/VR is the total number of
functional units that can be formed within the cell. These two quantities are related as

N0V0

VR
=

∫
Vcell

NT dV =

∫
Vcell

NudV +

∫
Vcell

NbdV. (D.29)

The integral
∫
Vcell

NudV can be easily computed because, from the chemical equilibrium,
it follows that Xu is constant across the cell and therefore, due to Eq. (D.26), also Nu is
constant. Now, from the definitions of N̂u = Nu/N0 and N̂b = Nb/N0 and (D.29), we
have

1 = N̂u +
1

V0

∫
Vcell

∫ π/2

−π/2
η̂n̂ssdφdV, (D.30)

equation from which N̂u can be computed, since it is the only unknown (given Eq.
(D.28)).

The specific Helmholtz free-energy of cellular passive components Φelas

The specific Helmholts free-energy of passive components of the cell was modeled with
a modified version of the Ogden hyperelastic strain energy density function, with the
modification necessary to specialize the formulation to a two-dimensional setting. In
particular,

Φelas ≡
2µ

m2

[(
λI
λII

)m
2

+

(
λII
λI

)m
2

− 2

]
+
κ

2
(λ1λII − 1)2−

− κ̄H(Jc − λIλII) ln(λIλII + 1− Jc)
(D.31)

where µ is the shear modulus, m a material constant, λI and λII are the principal
stretches, κ is the in-plane bulk modulus, while k̄ and Jc are material parameters intro-
duced to account for the penalty associated with cellular configurations with an areal
stretch λIλII below a threshold Jc. For a complete derivation and motivation of Eq.
(D.31), we refer the reader to Shishvan et al. (2017).

D.1.4 The magnitude of the force of cellular adhesions

In the present study, we assumed that cellular adhesions exert forces of a magnitude
equal to the forces necessary to mechanically equilibrate the active and passive forces of
the cell. This translates to assume that, given the total Cauchy stress Σij as a summation
between the stress fiber stress, the stress from cellular adhesions, and the passive stress
of the other passive cellular components, we have

0 = Σij = σsfij + σpij + σadhij , (D.32)

with σsfij stress fiber stress, σadhij stress due to cellular adhesions, and σpij stress from
other passive cellular components. It follows that, to quantify the magnitude of the
force of cellular adhesions, computing σsfij and σpij is sufficient.
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In agreement with Shishvan et al. (2017), the stress fiber stress was computed as[
σsf11 σsf12

σsf12 σsf22

]
=
F0σmax

2

∫ π/2

−π/2
η̂[1 + εnom(φ)]

[
2 cos2 φ∗ sin 2φ∗

sin 2φ∗ 2 sin2 φ∗

]
dφ, (D.33)

with F0 ≡ ns(A0l0)ρ0, while φ∗ is the angle with respect to x1, in the deformed config-
uration, that stress fibers originally oriented at an angle φ have in the deformed config-
uration. Note that Eq. (D.33) was determined with the assumption the cell is incom-
pressible. This assumption, leads also to the determination of the Cauchy stress of the
passive components of the cell:

σpijp
(k)
j = σpkp

(k)
i (D.34)

where σpk ≡ λk
∂Φelas
∂λk

is the principal passive stress, with associated p
(k)
i and p

(k)
j unit

vectors indicating the principal directions (k = I, II).

D.2 Experimental method for cell culture on substrates
with alternating adhesive and non-adhesive lines

D.2.1 Substrate preparation

Microcontact printing was used to create anisotropic substrates including parallel ad-
hesive lines with varying widths and inter-line spacings in the range of 2 µm- 200 µm.
These substrates were fabricated via standard photolithography techniques, according to
previous protocols (Yang et al., 2011). Briefly, the polydimethylsiloxane (PDMS) stamp
was incubated with 50 µg/ml of fibronectin (Cytoskeleton, Denver, CO, USA) for 1 hour
at room temperature. The stamp was then dried and put in contact with a PDMS coated
coverslip for 15 minutes to imprint the pattern. Uncoated regions were blocked by im-
merging the micropatterned coverslips for 5 min in a 1% solution of Pluronic F-127
(Sigma-Aldrich, St. Louis, MO). Control experiments were performed with homoge-
neous fibronectin-coated coverslips. For this, the coverslips were sterilized with 70%
ethanol for 5 minutes, and then incubated with 50 µg/ml of fibronectin from human
plasma (Sigma-Aldrich) for 1 hour at room temperature. Finally, all substrates were
rinsed at least three times with phosphate buffered saline (PBS) and stored in PBS at
4°C until use.

D.2.2 Cell culture

Human Vena Saphena Cells (HVSCs) were harvested from the vena saphena magna ob-
tained from patients according to Dutch guidelines of secondary used material. These
cells have been previously characterized as myofibroblasts (Mol et al., 2006). The HVSCs
were cultured in Advanced Dulbecco Modified Eagles Medium (Invitrogen, Breda, The
Netherlands), supplemented with 10% Fetal Bovine Serum (Greiner Bio-one), 1% peni-
cillin/streptomycin (Lonza, Basel, Switzerland), and 1% GlutaMax (Invitrogen). Only
HVSCs with a passage lower than 7 were used in this study. To avoid cell-cell contact
between cells, the micropatterned substrates were seeded with a cell density of 2000
cells/cm2 . HVSCs were cultured on the substrates for 24 hours at 37 ◦C and 5% CO2
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D.2.3 Immunofluorescence analysis

For visualization, 24 hours after cell seeding, cells were fixed for 15 minutes with 4%
formaldehyde (Sigma-Aldrich) in PBS. After this, cells were permeabilized with 0.5%
Triton-X-100 (Merck) for 15 minutes and blocked for 30 minutes with 4% goat serum
in PBS at room temperature. Coverslips were then incubated with the primary anti-
vinculin antibody IgG1 (V9131, Sigma) overnight at 4 ◦C for staining focal adhesions.
Subsequently, samples were rinsed three times in 0.05% Tween-PBS and incubated
for 1 hour with Alexa Fluor 647 goat anti-mouse (Molecular Probes) 1:500 and FITC-
conjugated phalloidin (15500, Phalloidin-Atto 488, Sigma) 1:200 for staining the actin
cytoskeleton. Finally, the samples were incubated with DAPI (Sigma) for 5 minutes for
immunofluorescence of the nucleus and mounted onto glass slides using Mowiol. The
images of the cells were acquired using an inverted microscope (Zeiss Axiovert 200M,
Zeiss, Sliedrecht, The Netherlands) using a 40 x/0.25 objective.

D.2.4 Analysis of the cellular orientation response

The cellular orientation response was assessed from Atto-phalloidin stained images that
were analyzed using a custom-built Mathematica (Wolfram Research, Inc., Mathematica,
Version 11.1, Champaign, IL (2017)) script as described in Buskermolen et al. (2017a).
Briefly, the binarized images of the profile of each cell were fitted with an ellipse. From
this ellipse, the cellular orientation with respect to the fibronectin line was determined
as the angle between the major axis of the ellipse and the direction of the lines. Next
to this, to represent the shape of cells, we computed the aspect ratio (i.e., ratio of the
major axis length to minor axis length).

For each condition three independent experiments were performed and at least 60
cells were analyzed per condition unless otherwise indicated.

D.3 Supplementary figures and tables

Table D.1: Parameter set for computational simulation of cells on substrates with alternating ad-
hesive and non-adhesive lines

Parameter Value Parameter Value

T 310 K F0 0.032
µ 1.67 kPa ε̃ssnom 0.35
κ 35 kPa µb0 − µu 1kT
m 6 Ω 10−7.1 µm3

k̄ 1 GPa η̂max 1
Jc 0.6 b0/R0 0.2
σmax 240 kPa ka 107 kg·s−2

ρ0 3 · 106 µm−3 kn 105 kg·s−2
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Figure D.1: Computational results obtained with the same computational framework described in
this study with the addition of the contribution of the cell nucleus in the calculation of
the Gibbs free-energy, by considering the nucleus as a passive and very stiff component
(such as in Buskermolen et al. (2017b)). The preliminary results are not in agreement
with the experiments of cells on multiple lines or constrained on very thin single
adhesive lines, thereby suggesting that a more complex model for the cell nucleus is
necessary to describe the nuclear contribution for cells in these conditions.
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