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Summary

Biomechanical design of an electrospun scaffold for in situ

cardiovascular tissue engineering

End-stage valvular diseases commonly require valve replacement. Currently

available heart valve replacements are either mechanical or bioprosthetic valves.

Despite their excellent durability mechanical valves induce non-physiological

flow profiles and may cause thromboembolic complications, necessitating lifelong

anticoagulation treatment. Bioprosthetic valves, instead, are prone to calcification.

None of these valves can fully restore the native valve function because they

are unable to grow and repair, and in particular in young patients may require

multiple surgical interventions during a lifetime. A living heart valve replacement

might overcome these limitations and may be created at the site of destination

via in situ tissue engineering. This approach employs a synthetic biodegradable

scaffold that recruits endogenous cells from the bloodstream, which synthesize new

tissue while the scaffold gradually degrades creating a living, functional heart valve

replacement.

Electrospinning is a popular technique for the production of scaffolds for

cardiovascular tissue replacements. The aim of this thesis was to investigate the

relation between the micro-scale scaffold architecture (e.g. material properties,

fiber orientation, fiber diameter, fiber density and fiber interconnections) and

the macroscopic mechanical properties of the scaffold. In addition, the effect

of collagen deposition on the evolving mechanical properties of the construct was

examined. Next, the cell traction mediated remodeling of the collagen architecture

was investigated using a discrete microstructural model.

We developed a computational micro-scale model of a representative volume

element of the scaffold, incorporating the microstructural features of the

electrospun material, to predict its macroscopic mechanical behavior. We validated

the model against experiments showing that it is able to describe the mechanical

behavior of electrospun scaffolds with different microstructural features. In

addition, we investigated the mechanical behavior of valve-shaped scaffolds with

different microstructures when subjected to transvalvular pulmonary pressure.
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The results indicated that a high degree of scaffold anisotropy was required to

reproduce the deformation patterns observed in native valve leaflets.

The cells recruited in the scaffold produce collagen, the main load-bearing

component of cardiovascular tissues. In order to understand and predict how

the scaffold influences the collagen architecture and how the synthesized collagen

changes the mechanical properties of the initial construct, we extended the

microstructural model by including collagen synthesis and remodeling. We

hypothesized that the microstructure of the scaffold and the loading conditions

dictate collagen synthesis and degradation. In the presence of an electrospun

scaffold, cells feel the topology of the substrate (contact guidance) and secrete

collagen along the scaffold fibers, independently of the externally applied

load. As a result, the initial quasi-linear mechanical behavior of the scaffold

gradually changes into an exponential tissue-like stress-strain mechanical behavior.

We validated our model against biaxial mechanical tests performed on tissue

engineered constructs cultured for two weeks in static and dynamic loading

conditions using isotropic and anisotropic electrospun substrates.

Finally, when the scaffold degrades, the cells apply tension to the collagen fibers

in the direction of their main orientation. After the scaffold has degraded, the

applied load dictates the collagen remodeling. We investigated collagen remodeling

in tissue engineered strips using a discrete microstructural model that includes cell

traction and collagen synthesis and degradation. Results showed that the discrete

model can reproduce the tissue compaction predicted by a continuum model, and

that the amount of compaction occurring in the engineered strip is independent

of the initial collagen distribution and tissue size.

The work described in this thesis provides tools to study the biomechanics of tissue

engineered constructs made from electrospun fibrous scaffolds over time. We have

shown how the microscopic architecture of the scaffold relates to the macroscopic

mechanical behavior of the scaffold and of the evolving tissue construct.
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1.1 The human heart

The human heart is a muscle that pumps blood through the vascular system by

repeated, rhythmic contractions. The heart works as two pumps, one on the

right and one on the left side. The right side pumps the blood through the lungs

and the pulmonary circulation where the blood is oxygenated, while the left side

pumps blood through the systemic circulation to deliver oxygen to the organs. The

de-oxygenated blood from the systemic circulation enters the right atrium, where

the cycle starts again. In the heart, both atria contract at the same time to allow

the blood to flow into the ventricles, and both ventricles contract at the same time

to force the blood into the circulation. The unidirectional blood flow is guaranteed

by the presence of four heart valves. The atrioventricular tricuspid and mitral

valves prevent reverse flow from the ventricles to the atria during systole (pumping

phase of the heart cycle). The pulmonary and the aortic semilunar valves prohibit

backflow from the pulmonary and the aortic arteries into the ventricles during

diastole (relaxing phase of the heart cycle), respectively. The semilunar valves

are trileaflets valves (Fig. 1.1), and can withstand high hemodynamic loads. The

aortic valve has a mean diameter of 28±5 mm (Perrino and Reeves, 2008). In

healthy subjects the transvalvular pressure difference is on average 10 mmHg (1.3

kPa) for the pulmonary valve and approximately 80 mmHg (10.6 kPa) for the

aortic valve (Silverthorn and Garrison, 2004). The valve typically undergoes 3

billion cycles over a 75-year lifetime.

1.1.1 The semilunar heart valve leaflets

The semilunar heart valve leaflets are composed of three layers: the fibrosa, the

spongiosa and the ventricularis (Figure 1.2).

The fibrosa is located at the outflow side and is composed of densely packed

organized collagen fibers. The collagen fibers are mainly oriented in the

circumferential direction at the commisures and become more branched in the belly

region. The collagen fibers are largely responsible for the mechanical behavior of

the leaflets, in particular at large strains.

The spongiosa forms the middle layer and is predominantely composed of

glycosaminoglycans (GAGs). GAGs are characterized by a high water binding
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capacity (Culav et al., 1999), and therefore the main role of the spongiosa is to

absorb the shear stresses and the compressive forces (Vesely, 1997).

The ventricularis, at the inflow surface, is mainly composed of radially aligned

elastin fibers. These elastic fibers ensure flexibility of the leaflet and recoil during

systole (Vesely, 1997).

Figure 1.1: (a) Cross-sectional view of the human heart. Tricuspid
and mitral valve are positioned between atrium and ventricle on the right
and the left side respectively. The pulmonary valve is situated between
the right ventricle and the inlet of the pulmonary artery, and the aortic
valve between the left ventricle and the inlet of the aorta. (b) Top
cross-sectional view of the heart, showing the four heart valves (modified from
http://www.cicmd.com/images/cicmd/anatomy%20images/ANATOMY.htm )

Figure 1.2: Schematic cross section of the aortic valve leaflet. The picture
indicates the three valve’s three layers: fibrosa, spongiosa and ventricularis

(adapted from Vesely (1997))
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1.2 Heart valve replacements

Heart valve disease is a significant health burden (Schoen and Levy, 1999).

End-stage valvular diseases are commonly treated with valve replacement.

Currently used heart valve replacements include mechanical and bioprosthetic

valves. Each of these valves has its own advantages and disadvantages.

Mechanical valves are readily available off-the-shelf and durable. However, the

prostheses induce non-physiological flow profiles that may cause thromboembolic

complications (Dasi et al., 2009, Senthilnathan et al., 1999), necessitating

lifelong anticoagulation treatment. Bioprosthetic valves can have either human

(homografts) or animal (xenografts) origin. These valves do not require

anticoagulant treatment, but they are prone to calcification (Pibarot and

Dumesnil, 2009, Siddiqui et al., 2009). Overall, for both kinds of replacement,

the biggest limitation is their inability to grow, repair and remodel over time as

native tissues do. This makes these valves suboptimal for use in pediatric and

young patients, because multiple surgical interventions may be required to replace

these prostheses. Tissue engineering (TE) aims to overcome these limitations by

creating a living heart valve replacement.

1.3 Tissue engineering approach

In the last decade tissue engineers have made vast progress in developing functional

living tissue replacements. The term “tissue engineering” was introduced for the

first time in 1993 by Langer and Vacanti. It was defined as “an interdisciplinary

field that applies the principles of engineering and life sciences toward the

development of biological substitutes that restore, maintain, or improve tissue

function or a whole organ” (Langer and Vacanti, 1993).

1.3.1 In vitro tissue engineering

According to the traditional in vitro tissue engineering paradigm, the development

of a living tissue replacement typically requires the use of autologous cells. The

patient’s cells are harvested, expanded and then seeded onto a porous scaffold,

which can be of biological or synthetic origin (decellularized xenograft or homograft
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and polymeric saffolds respectively). The seeded scaffold is then placed in a

bioreactor. Here cells are triggered to produce a new extracellular matrix (ECM)

by the application of appropriate chemical and mechanical stimuli. The newly

developed tissue construct can be implanted to replace the diseased native valve

(Fig. 1.3 a) (Schenke-Layland et al., 2003, Knight et al., 2005, Mol et al., 2006).

For the in vitro tissue engineering approach a number of scaffold materials

have been tested. Synthetic biodegradable materials are the main material

choice because they allow a number of manufacturing possibilities and adjustable

degradation kinetics (Shinoka et al., 1995, Kim et al., 2001, Stock et al., 2000,

Sodian et al., 2002). Woven or non-woven fibrous scaffolds are typically used for

cardiovascular tissue engineering (Van Lieshout et al., 2006), as the presence of

pores in between the fibers easily allow cell infiltration. Fast degrading polymers

(e.g. polyglycolic acid) typically degrade in a few weeks, while slowly degrading

polymers (e.g. polycaprlactone) degrade over years (Henry et al., 2007, Niklason

et al., 2010). Thermal or chemical processing of the polymer can induce changes

in the degradation kinetics (La Carrubba et al., 2008, Hong et al., 2010). The

choice of the proper degradation kinetics is crucial to provide the developing tissue

support during maturation until it is able to take over the hemodynamic load.

1.3.2 In situ tissue engineering

In situ tissue engineering is a new and promising technology to produce living

valve replacement in the human body itself. Decellularized xenografts can be

used as in situ replacements, but they may cause a severe immunogenic response

(Patience et al., 1998). As an alternative, a (polymeric) biodegradable scaffold

can be used and implanted at the replacement site (Fig. 1.3 b). The scaffold

can be functionalized with bioactives in order to guide the proliferation and the

differentiation of the recruited cells and support the tissue formation. The scaffold

may be pre-seeded with cells that have a paracrine signaling effect (Roh et al.,

2010). The recruited cells will be responsible for new tissue formation.

This technology is clinically more attractive than the in vitro tissue engineering

approach, as it does not require time consuming cell expansion and the use of

complex bioreactor systems. In essence, it uses the patient’s body as bioreactor

for the development of new tissue. Recent in vivo studies show that, in response
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to the implanted scaffold, an inflammatory cascade mediates the recruitment of

the tissue forming cells (Roh et al., 2010).

1.4 Mechanical challenges of in situ tissue

engineering: focus of this thesis

From a mechanical point of view, the implanted scaffold needs to satisfy a number

of requirements:

• functionality at the time of implantation;

• capability to withstand the hemodynamic cyclic loads, with transvalvular

pressures that can reach up to 80 mmHg for a heart valve in the aortic

position;

• promote the maturation of the collagen network according to architectures

that can be found in native valves;

• allow the neo-formed tissue to gradually take over the mechanical function

to ensure long-term mechanical function;

The above scaffold properties are highly interconnected. The possibility to achieve

the desired tissue microstructure depends on the structural organization of the

scaffold (i.e. diameter of the scaffold fibers, scaffold porosity, orietation of the

fibers). In turn, the architecture of the scaffold and the neo-tissue is responsible

for the valve mechanical performance.

Given the central role of the scaffold in the in situ approach, it is necessary to

optimize the scaffold’s design in order to meet the requirements. A computational

approach might help a systematic optimization of the scaffold properties. This

thesis focuses on addressing these mechanical aspects of in situ TE.

1.4.1 Relation between structure and function in

cardiovascular tissues

Native cardiovascular tissues consist of a network of collagen and elastin fibers

dispersed in a matrix composed of glycosaminoglycans, water, and a cellular
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Figure 1.3: (a) Traditional tissue engineering approach. The cells, harvested
from the patient, are seeded onto a scaffold. The scaffold is then placed in
a bioreactor system, where tissue is triggered to grow. After tissue growth
the construct is implanted in the human body. (b) In situ tissue engineering
approach. A cell-free electrospun scaffold is implanted in the body, which serves

as bioreactor (adapted from Mol et al. (2009)).

component. The collagen is the main load bearing component of a soft tissue

(Alberts, 2000).

The aortic valve is characterized by a pronounced extensibility in the radial

direction, and a higher stiffness in the circumferential direction (Billiar and

Sacks, 2000a,b). This behavior reflects the structural arrangement of the fibrous

components of the valve. In fact, as described in Section 1.1.1, the collagen

network in a valve is mainly oriented in circumferential direction, whereas the

elastin network is aligned in the radial direction (Thubrikar et al., 1986, Scott and

Vesely, 1995, Vesely, 1997, Billiar and Sacks, 2000a, Lee et al., 2001) (Fig. 1.4).

The functionality that is resulting from this structure in the native valve has to

be acquired and maintained over time in the in situ engineered valve.



Chapter 1 20

Figure 1.4: Aortic heart valve leaflet with circumferential collagen orientation
(adapted from Sauren (1981)).

1.5 The electrospun scaffold

Electrospinning is an old technique (Cooley, 1902), which possibilities as a suitable

technology to manufacture scaffolds for TE have been broadly investigated in

recent years. In the electrospinning process, a polymeric solution is inserted in

a syringe and a high voltage (5 to 50 kV) is applied between the syringe and a

grounded collector which causes a jet of polymer erupt out of the syringe. This

jet elongates forming a fiber that dries in the flight and is then collected on a

(rotating) mandrel, resulting in a non woven network of polymer fibers (Fig. 1.5).

Figure 1.5: Electrospinning equipment provided with a syringe.The polymeric
fibers are pulled out of the needle and collected on a (rotating) drum.
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1.5.1 Design parameters of an electrospun scaffold

Electrospinning is a versatile technology, that offers a number of opportunities

to control the architecture of the scaffold while a large number of materials

can be processed. Several physical parameters (e.g. flow rate, electric voltage,

distance between the syringe and the collector, collector rotational speed) control

the spinning process (Li and Xia, 2004). In a typical electrospinning setup the fine

tuning of these parameters is used to obtain the desired scaffold structure.

Previous studies have shown that an increased working distance (distance between

syringe and collector) and an increased mandrel rotational speed lead to a

decreased fiber diameter, and an increased fiber alignment. In contrast, an increase

in flow rate determines an increased fiber diameter, and a decreased fiber alignment

(Fridrikh et al., 2003, Beachley and Wen, 2009, Milleret et al., 2011). When the

flow rate is low, or working distance is high, the solvent will evaporate significantly

when travelling between the needle and the collector, increasing the stiffness of the

fibers, making the fibers less prone to bending and resulting in more aligned fibers

(Milleret et al., 2011). An increased rotational speed will straighten the fibers,

so that they will be deposited in an aligned fashion. In addition, an increase

of the electrical voltage (in the range 10 to 20 kV) can be used to decrease the

fiber diameter (Chowdhury and Stylios, 2010). An increased humidity in the

electropun chamber allows the wet deposited fibers to get easily fused, producing

highly interconnected meshes (Raghavan and Coffin, 2011). Furthermore, the use

of a very low temperature and controlled humidity is useful to increase the scaffold

porosity (Simonet et al., 2007). The possibility of spinning meshes with large pore

size is important, since it allows a better and desirable cell infiltration within the

scaffold (Balguid et al., 2009), and finally the microstructural variations resulting

from changing the spinning parameters is influenced by the type of spun material

(Milleret et al., 2011).

Summarizing, the electropinning technology allows the production of scaffolds with

a wide range of structural properties. Fiber diameter, fiber orientation, fiber

interconnection, fiber material and fiber distance can all be adjusted and have an

impact on the mechanical properties of the scaffold.
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1.6 Microstructure versus macromechanical

properties

In electrospun meshes, as well as in fibrous tissues, the arrangement of the fibrous

components at the micro-scale (µm) determines the mechanical characteristics of

the mesh on the macro-scale (cm). This thesis work aims to investigate

• the relation between the spatial arrangement of the fibrous components of

the scaffold and the macromechanical properties of the scaffold and of the

construct over time;

• impact of collagen synthesis and degradation on the mechanical properties

of the construct;

• cell tension mediated collagen remodeling.

1.6.1 Modeling approach

The relation that occurs between microstructure and macromechanical properties

indicates a connection between different length scales. To explore the mechanics

of engineered constructs in a systematic way we described in detail in a finite

element model the microstructural features of the scaffold and the construct as

a network of 1D fibers. Next, we used an homogenization procedure to derive

the macroscopic constitutive response of the given microstructural network (Smit

et al., 1998) (Fig. 1.6).

In this thesis the micro- to macro-scale approach has been applied to understand

and predict the relations between scaffold microstructure, tissue collagen structure

and macroscopic mechanical function of the tissue.

1.7 Cell mediated extracellular matrix turnover

The in situ tissue engineering approach requires that cells that colonize the scaffold

produce ECM. In particular, as the collagen is the main load-bearing component of

a soft tissue, the architecture of the newly developed collagen network is crucial for
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cm μm

Figure 1.6: Heart valve shaped (left) scaffold and scaffold microstructure
(right) with corresponding length scale.

the ultimate functionality of the tissue (Matsumoto and Hayashi, 1994, Humphrey,

1999, Niklason et al., 2001, Driessen et al., 2003, Driessen-Mol et al., 2003, Fridez

et al., 2003, Driessen et al., 2004, Driessen-Mol et al., 2005). The mechanisms

that are responsible for collagen deposition and therefore its architecture are

currently subject of extensive studies. Controlling the collagen architecture is

key for achieving mechanically well performing engineered tissues (Driessen et al.,

2007).

A mechanical reciprocity between cells and collagen takes place in tissues (Fig.

1.7). On the one hand the collagen architecture is maintained by cells, as cells

synthesize and reorient the collagen fibers (Trelstad et al., 1976, Paul and Bailey,

2003, Balguid et al., 2007, Soares et al., 2011). On the other hand cell orientation

is also guided by the collagen fibers (contact guidance) (Foolen et al., 2012).

1.7.1 Cell-mediated collagen orientation

The cytoskeleton is a highly dynamic network that reorganizes itself in response to

external stimuli. Actin filaments and myosin II filaments compose the cytoskeletal

stress fibers. They generate tension within the cell (Ladoux and Nicolas, 2012).

The topography of the cell environment has been shown to be influence adherence

and spreading of the cell, and therefore its final shape (Chen et al., 2003, Schwarz

and Safran, 2013). Control of cell shape or orientation via substrate topography

is called contact guidance. Next to this, biological and mechanical conditioning

influence the cell orientation.



Chapter 1 24

Figure 1.7: Schematic of the mechanisms of cell-mediated collagen turnover
and remodeling mechanisms. The cells respond to their substrate and to the
externally applied load. By doing that, the cells reorient the pre-existing
collagen, while collagen synthesis and degradation take place (adapted from

Soares et al. (2012)).

In many tissues, it has been shown that collagen aligns along the direction of

the cell stress fibers. Collagen fibers grow in the vesicles at the base of the

cytoplasmatic fibrils by addition of individual collagen molecules to the end of

the fibrils (Holmes et al., 1994) or by end-to-end fusion (Graham et al., 2000,

Kadler et al., 2000). Cell membrane protrusions co-aligned with the ECM fibrils

serve as a delivery system for collagen secretion in the extracellular space (Canty

et al., 2004, 2006). As in elongated cells the direction of the stress fibers coincide

with the cell main direction (Greiner et al., 2013), the collagen will be produced

along the cell main axis.

1.7.2 Tissue compaction

Cell sources that are typically used in cardiovascular tissue engineering are

characterized by an activated remodeling phenotype. This means that the cells

are able to respond to changes in stress in their environment by applying forces to

it and remodeling their matrix (Rabkin-Aikawa et al., 2004). Inside the cell, this

causes a reorganization of the cytoskeletal structure of the cells and the formation
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of stress fibers, in order to reach the preferred cell stress balance (Brown et al.,

1998). To achieve their stress equilibrium, cells exert forces on their surrounding,

leading to tissue compaction.

Tissue compaction is currently one of the major concerns in heart valve TE. In vivo

studies have reported the presence of leaflet retraction and consequent undesired

valvular regurgitation (Hoerstrup et al., 2000, Sutherland et al., 2005, Flanagan

et al., 2009, Gottlieb et al., 2010, Schmidt et al., 2010) (Fig. 1.8).

Van Vlimmeren et al. (2011) developed a model system to quantify the cell

traction forces and the resulting amount of tissue compaction. Using PGA/P4HB

scaffold strips, it was shown that the engineered constructs start to develop stress

and compact after two weeks of culture (van Vlimmeren et al., 2010). They

hypothesized that in the first two weeks the cell traction forces are counterbalanced

by the scaffold stiffness. After two weeks the scaffold loses its mechanical integrity

and the cells are able to compact the construct.

This thesis will numerically assess the effect of tissue compaction in engineered

strips characterized by a discrete collagen structure.

Figure 1.8: Compaction occurring in the engineered valve leaflets. The leaflets
are separated after 4 weeks of culture. Compaction is shows immediately after
leaflet separation (II) and after 3 hours (III) when the valve is kept on ice

(adapted from van Vlimmeren (2011)).

1.8 Rationale and outline

The aim of the studies described in this thesis is to develop tools to describe the

biomechanical properties of an electrospun scaffold for in situ tissue engineering,

and the resulting engineered construct over time.
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For this purpose a microstructural computational model is developed. This

model describes in detail the microstructure of fibrous networks, in terms of

spatial arrangement, fiber diameter and material of the constituent fibers. The

macromechanical properties of such a network are evaluated via an homogenization

procedure. Biaxial mechanical tests of electrospun meshes and tissue constructs

are used to validate the model.

First a micro-scale model of a bare electrospun mesh is developed and used to

investigate the relation between the scaffold microstructure and its macroscopic

mechanical properties (Chapter 2). It is demonstrated that the model is

able to successfully describe the mechanical behavior of scaffolds with different

microstructures.

Next, the growth and degradation of collagen fibers in between the scaffold

fibers is described for different external loading conditions, and included in the

microstructural model. Chapter 3 concentrates on describing the mechanical

properties of engineered constructs when tissue develops in the presence of an

electrospun scaffold. Chapter 4 focuses on understanding the experimentally

observed contact guidance provided by the electrospun fibers to recruited cells.

Finally, after tissue has matured and the scaffold has degraded, the effect of the

cell traction on the collagen remodeling is investigated in a micro-scale framework

(Chapter 5). The tissue compaction that occurs in tissue engineered strips

due to the traction forces developed by the cells is described by means of the

microstructural model.

The final Chapter 6 summarizes the obtained results and discusses the possibilities

of future studies towards mechanically well performing engineered tissues.

In conclusion, the approach that is developed and exploited in the different

studies relates different length scales. This approach is used to describe how

the evolving microstructure relates to the mechanical properties of developing

engineered constructs. Some indications on how the microstructural design of an

electrospun scaffold are provided to improve the performance of engineered heart

valve construct.
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Multi-scale mechanical

characterization of scaffolds for

heart valve tissue engineering

The contents of this chapter are based on: Argento, G., Simonet, M., Oomens,

C.W.J, Baaijens, F.P.T., 2013. Multi-scale mechanical characterization of scaffolds

for heart valve tissue engineering. J Biomech, 45 (16), 2893-2898
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2.1 Abstract

Electrospinning is a promising technology to produce scaffolds for cardiovascular

tissue engineering. Each electrospun scaffold is characterized by a complex

micro-scale structure that is responsible for its macroscopic mechanical behavior.

In this study, we focus on the development and the validation of a computational

micro-scale model that takes into account the structural features of the electrospun

material, and is suitable for studying the multi-scale scaffold mechanics. We

show that the computational tool developed is able to describe and predict

the mechanical behavior of electrospun scaffolds characterized by different

microstructures. Moreover, we explore the global mechanical properties of

valve-shaped scaffolds with different microstructural features, and compare the

deformation of these scaffolds when submitted to diastolic pressures with a tissue

engineered and a native valve. It is shown that a pronounced degree of anisotropy

is necessary to reproduce the deformation patterns observed in the native heart

valve.

2.2 Introduction

End stage heart valve diseases commonly result in valve replacement with either

mechanical or biological prosthesis (Zilla et al., 2008). A critical limitation of these

prosthesis is their inability to repair, to grow and to remodel in response to changes

in their mechanical environment (Yacoub and Takkenberg, 2005). Therefore, in

the last decade, considerable effort has been invested in the manufacturing of a

living tissue engineered valve overcoming these limitations (Driessen-Mol et al.,

2003). The concept of in vitro tissue engineering is based on seeding (autologous)

cells on a biodegradable scaffold, and then providing the necessary biochemical

and mechanical cues to culture a functional heart valve in a bioreactor system

(Mol et al., 2009).

The local and global topological, structural and mechanical properties of the

scaffold supporting the growth of autologous tissue strongly influence the

properties of the engineered valve. For instance when using a non-woven fibrous

mesh as starter matrix, the microstructure of the scaffold (e.g. fiber diameter,

stiffness, interconnectivity and orientation, and the scaffold porosity) affects
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cellular ingrowth, influences cell fate and extracellular matrix production (Balguid

et al., 2009, Heath et al., 2010, Kai et al., 2011). On the larger scale (e.g., of the

valve), the structural support of the scaffold enables mechanical stimulation of the

developing tissue in pressure driven bioreactors (Mol, 2005), and may contribute

to the in-vivo mechanical functionality of the construct when a slowly degrading

scaffold material is used. Given the complex relation between the micro-structure

of the scaffold and the macroscopic mechanical behavior of the construct, a

computational model may support the design of the scaffold.

Electrospinning is a versatile and promising technique for manufacturing scaffolds

for tissue engineering (Chen et al., 2007, Venugopal et al., 2008). In the

electrospinning setup a high positive voltage power supply is responsible for the

ejection of a polymeric jet from a needle connected to a syringe pump. The fiber is

accelerated and collected on a grounded rotating and translating target (Cooley,

1902) (Fig. 2.1).

Figure 2.1: Electrospinning equipment provided with a syringe.The polymeric
fibers are pulled out of the needle and collected on a rotating drum.

Electrospinning can be used to produce a wide range of microstructures depending

on the parameters chosen. These include the type of polymer, the solvent, the

flow rate, the voltage difference and the physical distance between the target and

collector, and the rotational speed of the mandrel (Amoroso et al., 2011, Soliman

et al., 2011). Only a few studies have made an effort to systematically investigate

the influence of the microstructural features of fibrous scaffolds on the macroscopic

mechanical properties (Stylianopoulos and Barocas, 2007, Stylianopoulos et al.,
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2008). This work aims at developing a computational method to relate the

microstructural properties of electrospun scaffolds to the macroscopic behavior,

to enable the design of the scaffold.

Given the length scale difference between the fibrous microstructure (µm) and

the scaffold macrostructure (cm), a multi-scale approach is required (Stella et al.,

2010). Earlier finite element based multi-scale approaches (Kouznetsova et al.,

2001, Breuls et al., 2002), assigned a representative area element (RAE) to each

integration point of the macroscopic model. The macroscopic deformation was

assigned to the RAE, and the area (or volume) averaged stress was extracted

from the RAE and used on the macro scale. The advantage of this approach

is that at the macro-scale no closed form constitutive model is needed, and

therefore implicitly accounts for any evolution of the microstructure. Although

conceptually attractive, the implementation in a finite element framework is

computationally demanding. We present a different approach, which couples a

detailed microscropic model to a closed form macroscopic constitutive model.This

approach is computationally less demanding, and can be used effectively to design

scaffolds when the micro-structure is assumed constant in time, but variations in

the microstructure can be easily accommodated.

To demonstrate feasibility of the approach, the material properties are evaluated

for an electrospun poly(ε-caprolactone) (PCL) scaffold. The micro-scale structural

parameters were obtained using a numerical/experimental procedure (Meuwissen

et al., 1996), and were subsequently used to analyze the deformation of heart

valve shaped scaffolds. The deformation patterns were compared against those of

a tissue engineered (Driessen et al., 2007) and a native porcine valve (Billiar and

Sacks, 2000a).

2.3 Materials and Methods

2.3.1 Analysis of the problem: a multi-scale approach

The multi-scale approach is based on a discrete representation of the key micro

structural features of an electrospun scaffold, i.e., the fiber diameter, the fiber

interconnectivity, the fiber orientation, the fiber distance that accounts for the
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scaffold porosity, and the intrinsic mechanical properties of the fiber material (

Fig. 2.2).

Figure 2.2: Schematic of a multi-scale approach of the mechanical behavior of
the scaffold. From the left, the first picture shows a SEM image of an electrospun
scaffold, the second picture represents the microstructural computational model
of the scaffold, the third picture depicts a possible mechanical behavior for the
model,and the fourth picture shows a valve-shaped scaffold characterized by the

computed material behavior.

The three dimensional electrospun scaffold is represented by a discrete two

dimensional fiber structure (2). The macroscopic in-plane deformation is

translated into appropriate boundary conditions on the RAE (2). The reaction

forces resulting from the inhomogeneous deformation of the RAE (2) are used to

extract an area averaged stress tensor, and is associated with the macroscopic

deformation tensor (3). Subsequently, the parameters of a macroscopic

constitutive model can be identified such that the mechanical behavior of the

RAE is captured accurately, and can be used in a regular finite element analysis

of the macroscopic structure (4).

2.3.2 Macro-scale constitutive model

The electrospun scaffold was assumed to be embedded in an incompressible

matrix, for instance a gel used as a sealant or for cell seeding (Mol, 2005). It is

macroscopically modeled as an incompressible fiber reinforced material, consisting

in an isotropic incompressible matrix surrounding an anisotropic fiber structure

(Driessen et al., 2005c). The total Cauchy stress (σ) is split into a hydrostatic

pressure (p) and an extra stress (τ )
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σ = −pI + τ (2.1)

The extra stress is written as

τ = τ̂ +
N∑
i=1

φif,M

(
ψif,M −−→e

i
f,M · τ̂ · −→e

i
f,M

) −→e if,M−→e if,M (2.2)

where τ̂ is the isotropic matrix stress tensor, ψf,M the (macroscopic) fiber stress,
−→e f,M the current fiber direction and N the number of fiber directions. When

the macroscopic deformation gradient tensor FM =
[
~∇0

~X
]T

is applied, the

current fiber direction can be calculated from the fiber direction in the undeformed

configuration ~ef0,M :

λf,M~ef,M = FM · ~ef0,M (2.3)

where λf,M is the fiber stretch:

λf,M =
√
~ef0,M ·CM · ~ef0,M (2.4)

and CM = F T
M · FM the right Cauchy-Green deformation tensor. The angular

fiber distribution is described by specifying an appropriate set of fiber contents

(φf,M) along a set of fiber directions (~ef0,M). The fiber directions are defined in a

coordinate system spanned by two vectors ~v1 and ~v2:

~ef0,M (γi) = cos (γi)~v1 + sin (γi)~v2 (2.5)

where γi is defined with respect to ~v1 in the plane spanned by ~v1 and ~v2.
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The fiber volume fractions φif,M along the directions γi are described by the

updated periodic distribution function introduced by Gasser et al. (2006) and

used by Driessen et al. (2008):

φif,M = A exp

[
cos(2( γih −α))+1

β

]
(2.6)

The fiber volume fraction is function of the main orientation α, the dispersion

parameter β, and the frequency scaling factor h. The fiber material law is assumed

to be exponential for positive stretches:

 ψi
f ,M = k1λ

2
f,M

[
ek2(λ

2
f,M−1) − 1

]
, λf,M ≥ 0

0 , λf,M ≤ 0
(2.7)

with ψf,M and λf,M macro-scale fiber stress and stretch respectively, and k1 and

k2 are a stress-like and dimensionless parameter, respectively.

2.3.3 Micromodel

The micro-scale model mimics the fiber distribution that can be observed from

a scanning electron microscopy (SEM) image of an electrospun scaffold. The

distribution function of the discrete model is chosen in accordance with the

fiber distribution function of the macro-scale model (Eq. 7). An exponential

relationship is assumed to relate the micro-scale fiber stress ψf,m and stretch λf,m

for positive stretches:

 ψi
f ,m = h1λ

2
f,m

[
eh2(λ

2
f,m−1) − 1

]
, λf,m ≥ 0

0 , λf,m ≤ 0
(2.8)

where h1 and h2 are a stress-like and dimensionless parameter, respectively.
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The nonlinearity of the material law is chosen to account of the undulations in the

electrospun fiber that is otherwise not represented in the discrete model.

To generate a discrete representation of the measured fiber structure, an algorithm

was developed by using the software Matlab (The Math-Works, Natik, MA). A

discrete set of fiber directions was used, and the fiber volume fraction dictates

the relative fiber spacing. The model (Fig. 2.3) is a network of one dimensional

elements, and the RAE is chosen sufficiently big to ensure that it represents the

mechanical properties of the macrostructure. All the microstructural properties

of a scaffold can be varied. The sites of perfect bonding between two fibers, where

the transmission of forces is allowed, are represented by nodes (pink dots in Fig.

2.3). The desired quantity of connected nodes can be randomly chosen among all

the possible fiber intersections.

Figure 2.3: RAE scaffold model.

2.3.4 Boundary conditions

For a given macroscopic deformation tensor FM , a number of approaches can be

used to impose the corresponding boundary conditions on the RAE. These include

(Kouznetsova, 2002) (i) displacement boundary conditions that fully prescribe

the deformation of all the boundary nodes of the RAE, (ii) periodic boundary

conditions and (iii) minimal kinematic boundary conditions that prescribe the

micro-fluctuation field (sum of the displacements of the boundary nodes) to

be zero. Periodic boundary conditions are known to give the most precise

solution. Yet, the complexity and non-periodicity of the scaffold microstructure

raise questions about the possibility of getting similar results with different kind of
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boundary conditions. A representative RAE was analyzed using the three different

boundary condition options. The finite element code Abaqus/CAE was used

to solve the microstructural problem. The microscopic quantities were coupled

to the macroscopic quantities by using the averaging theorems proposed by Hill

(1963, 1984) and Nemat-Nasser (1999), and used by Kouznetsova (2002) in the

development of a full multi-scale framework. The sum of the resulting external

forces
−→
fi at the boundary nodes having initial position vectors

−→
Xi was averaged

over the initial RAE volume V0, whose thickness dimension is defined by the

diameter of the fibers composing the RAE, to evaluate the macroscopic first

Piola-Kirchhoff tensor PM :

PM =
1

V0

N∑
i=1

−→
fi
−→
Xi (2.9)

and the Cauchy stress tensor σM

σM =
1

detFM

· PM · F T
M (2.10)

Little difference was observed among the three cases analyzed. The use of

displacement boundary conditions along the edges of the RAE proved to be the

most robust approach, and was adopted throughout this work.

2.3.5 Parameter identification and model validation

Two electrospun scaffolds were produced to evaluate the parameters and test

the predictive capabilities of the model. The scaffolds were electrospun in

a climate-controlled electrospinning cabinet (IME Technology, Eindhoven, NL)

equipped with a 0.6 mm diameter capillary and a distance of 15cm between the

capillary and the 5 cm diameter rotating target drum. 20% (wt) PCL (Purac) was

dissolved in Chloroform (CHCl3) and electrospun with a flow rate of 25 µL/min

and a voltage of 18 kV applied. The first (scaffold 1) was spun with a rotational

speed of 100 rpm (corresponding to a surface speed of 0.52 m/s), the second

(scaffold 2) was composed of a thin layer spun at 50 rpm ensuring the integrity
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of the scaffold and a thicker layer spun at 2000 rpm (10.47 m/s). Biaxial tests

were conducted using the Biotester (CellScale Biomaterial Testing) to explore the

mechanical properties of the scaffolds. Five samples per scaffold were soaked in

ethanol to mimic the procedure used during tissue engineering, kept in water in

the incubator for 24h, and tested in wet conditions at 37 ◦C. The samples were

mechanically preconditioned by a sequence of uniaxial stretches in both directions

in order to study the elastic behavior of the material. Subsequently an equibiaxial

stretch was applied, followed by uniaxial stretches in both direction (Fig. 2.4). The

strain pattern described allowed the study of the anisotropic mechanical behavior

of the scaffold.

Figure 2.4: Strain pattern used for biaxial tests.The strain pattern consists
in10 cycles of preconditioning along the x and y axis, followed by equibiaxial
strain and uniaxial strain in the x and the y direction. A prestrain of 0.2%
is applied, and the samples are strained up to 7%, with a strain rate of 100%

strain/min.

The image processing software ImageJ was used to obtain the average fiber

diameter and the fiber distribution from SEM images. The optimal microstructural

fiber parameters h1 and h2 (Eq. 8) were identified using a least squares

optimization of the biaxial stress-strain curves. These sets of h1 and h2 so

calculated were used to predict the uniaxial behavior of the two scaffolds. In

addition, the h1 and h2 associated with the anisotropic scaffold were used to predict

the biaxial mechanical behavior of the isotropic scaffold.

Subsequently, a least squares optimization of both biaxial and uniaxial stress-strain

curves provided by the multi-scale calculation was used to calculate the fiber

parameters k1 and k2 (Eq. 7) of the macro-scale model.
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2.3.6 Mechanical behavior of heart valve shaped scaffolds

For the two scaffolds, the parameters k1 and k2 (Eq. 7) and the fiber distributions

were used to solve the macroscopic constitutive equations described in Section 2.2.

Such equations were implemented in a computational framework on a valve-shaped

geometry in the software package SEPRAN (Segal, 1984). Further details are

described in Driessen et al. (2005c,a). A transvalvular pulmonary pressure of 2.8

kPa was applied.

2.3.7 Model predictions

The capabilities of the computational multi-scale framework were exploited. An

orientation sensitivity analysis was carried out on a scaffold with the structural

features and fiber properties of scaffold 1 used during the validation process. fiber

standard deviations β = 0.13, β = 0.42 and β = 2 were used.

2.4 Results

Two scaffolds were analyzed. Scaffold 1 presents fibers with an average diameter

of 10 µm, a fiber volume fraction of 17%, a high percentage of interconneted fibers

(' 70%) and a nearly isotropic distribution (β = 2). Scaffold 2 presents fibers with

average diameter of 5 µm, a fiber volume fraction of 16%, a few fiber connections

(' 30%), due to a highly anisotropic fiber distribution (β = 0.005) (Fig. 2.5).

These parameters were used to build the micro-scale finite element model of the

scaffolds. Using the biaxial stress-strain data (Fig. 2.6 a and 2.6 b), the parameters

h1 and h2 (Eq. 8) were estimated for both scaffolds independently (Table 1). Using

the parameter set of the anisotropic scaffold, the biaxial mechanical properties

of the isotropic scaffold could be predicted well (Fig. 2.6 a), demonstrating the

versatility of the approach. The optimal h1 and h2 were subsequently used to

predict the uniaxial experiments (Fig. 2.6 c and 2.6 d), and good agreement was

observed.

Using these scaffold parameters, the deformation patterns in a valve shaped

scaffold were computed, and compared to the deformation in a tissue engineered

heart valve (TEHV) (Driessen-Mol et al., 2003, Driessen et al., 2007), and
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Figure 2.5: SEM image of scaffold 1(a) and scaffold 2(b) with respective fiber
orientation.

to a native porcine heart valve (Billiar and Sacks, 2000a,b). The mechanical

characterization of the engineered and native valves was previously performed by

Driessen et al. (2007). The isotropic scaffold 1 (β = 2), behaves similarly to

the tissue engineered leaflets (β = 3.1). This corresponds to the large values of

the dispersity parameter. The anisotropic scaffold 2 has a much lower dispersity

parameter (β = 0.005) compared to scaffold 1, and the deformation pattern

resembles that of a native valve (β = 0.13) (Fig. 2.7), despite the fact that the

intrinsic fiber stiffness of the PCL scaffold is much higher than the collagen fibers

of the native leaflet (Table 1). These results suggest that the stiffness of the fibers

plays an important role in the overall deformation of the construct, and the fiber

distribution significantly influences the deformation pattern.

Simulations performed with different fiber distributions confirm that a pronounced

anisotropy increases the strain in the belly region (Fig. 2.8) and improves the

coaptation (Fig. 2.7 d).
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Figure 2.6: Fit of the experimental equibiaxial mechanical behavior for
scaffold 1(a) and scaffold 2(b). Predicted biaxial mechanical behavior of scaffold
1 by using the optimal material parameters of scaffold 2 in red in(a). Predicted
uniaxial behavior for scaffold 1(c)and scaffold 2(d) with the optimal parameters
evaluated for the two scaffolds. The striped area and the gray area represent

the experimental error around the average values.

2.5 Discussion

In the present study, a simplified and effective computational multi-scale

analysis approach was presented to investigate the relation between the

microstructure of an electrospun scaffold and the global mechanical properties

of the scaffold. Feasibility of the approach was examined using two electrospun

PCL scaffolds: an isotropic and a highly aligned, anisotropic scaffold. The

microstructural parameters such as fiber diameter, fiber orientation, fiber spacing

and fiber interconnectivity were obtained by analysis of SEM images. These

structural parameters were subsequently used to build a two dimensional discrete

representation of the scaffold. The mechanical parameters of the microstructural

model were identified on the basis of equibiaxial extension tests. The predictive
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Figure 2.7: Principal stretch [-] distribution in valve-shaped electrospun
constructs with microstructural features of scaffold 1 (a) and scaffold 2 (b),tissue

engineered heart valve (c) and native heart valve (d).

capability of the model was examined using two orthogonal uniaxial tensile

experiments and predicting the biaxial behavior of the isotropic scaffold using the

material parameters estimated on the anisotropic one. Next to this, the scaffold

parameters were used to analyze the deformation of heart valve shaped constructs,

and these were compared to tissue engineered and native porcine heart valves.

The use of a closed-form constitutive model at the macro-scale reduces the

computational cost to build the stiffness matrix proportional to the number

of Gauss integration points used at the macroscopic scale, when compared to

the full multi-scale coupling methods described previously (Kouznetsova et al.,

2001, Breuls et al., 2002). The trade-off though, is a reduced flexibility. In the

current approach the microstructure may not evolve as a function of time, it is

less obvious how to account for spatial variations in the microstructure, and for

each variation in the microstructure the macroscopic material parameters have

to be identified independently. At the microstructural level a relatively simple

fiber architecture was adopted, employing straight fibers. It accounts for fiber

diameter, fiber orientation, fiber spacing and some of the mechanical properties,
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Figure 2.8: Predicted stretch distribution within the heart valve-shaped
scaffolds with fiber standard deviation β = 0.13 (a), β = 0.42 (b) and β =

2 (c).

but the undulation of the fibers, typical for electrospinning, was not accounted for.

Using the fiber mechanical properties identified using the anisotropic scaffold, the

mechanical properties of the isotropic scaffold could be predicted with remarkable

accuracy, despite the tortuosity of the fibers in the latter configuration. The fiber

undulations were implicitly incorporated by choosing an exponential force-stretch

relation for the fiber. Yet, the relative fragility of the PCL does not permit elastic

deformation of the scaffold beyond 3-4%. At these low stretch levels successive

fiber recruitment is less likely, and therefore an exponential stress-strain response

of the scaffold is not observed. The actual fiber geometry may be incorporated by

adopting the image-based approach developed by Amoroso et al. (2011).

The mechanics of heart valve tissue has been explored extensively (Billiar and

Sacks, 2000a,b, Driessen et al., 2003, 2005c,a), and provides a good basis for the

target properties of the tissue engineered heart valves. The design of an electrospun

scaffold that mimics the mechanical properties of a native valve is not straight

forward, because the microstructure has a significant impact on the macroscopic

behavior. Hence, a discrete detailed model of the microstructure, that accounts
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for the structural properties of each single fiber, the topology of the network, and

the interactions between the fibers of the network is necessary to enable a rational

design of such a scaffold (Stylianopoulos and Barocas, 2007, Stylianopoulos et al.,

2008). For the design of a fibrous scaffold a network model that incorporates all

the structural information of the network is more accurate than continuum models

where fiber interaction is not accounted for (Billiar and Sacks, 2000a,b, Driessen

et al., 2005a). It was shown that by adjusting the degree of fiber alignment, the

deformation pattern in the scaffold has significant similarity with the deformations

observed in a native porcine valve. This happens despite the large differences in

the intrinsic fiber stiffness of the PCL fibers and the collagen fibers. Despite

the limitations mentioned, the framework described is suitable to investigate the

mechanics of a wide range of scaffolds. Therefore, it represents a powerful tool to

assist the design of fibrous scaffolds for load bearing tissues.
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cardiovascular tissues, submitted.
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3.1 Abstract

The anisotropic collagen architecture of an engineered cardiovascular tissue

has a major impact on its in vivo mechanical performance. The initial

scaffold microstructure and mechanical loading determine this evolving collagen

architecture. Here we developed and validated a theoretical and computational

micro-scale model to quantitatively describe the mechanical properties of

engineered constructs when tissue develops in the presence of an electrospun

scaffold. Using input from experimental studies we hypothesize that the

interplay between scaffold microstructure and mechanical loading influence

collagen synthesis and degradation. The mechanical and topological properties of

in vitro engineered constructs cultured on isotropic and anisotropic electrospun

substrate in static and dynamic loading conditions were evaluated. These

results reveal that the formation of tissue layers on top of the scaffold surface

influences the mechanical anisotropy on the tissue cultured on an anisotropic

scaffold. Results show that the micro-scale model can successfully capture the

collagen arrangement and the mechanical behavior of isotropic statically cultured

constructs. Furthermore, it can predict the mechanical behavior of constructs

cultured under static and cyclic loading conditions on isotropic and anisotropic

scaffolds. Contact guidance by the scaffold, and not applied load, dominates the

collagen architecture. Therefore, when the collagen grows inside the pores of the

scaffold, pronounced scaffold anisotropy guarantees the development of a tissue

that mimics the mechanical anisotropy of the native cardiovascular tissue.

3.2 Introduction

Tissue engineering is a promising technique to produce living replacements for

biological tissues, able to repair, grow and remodel under biochemical and

mechanical cues (Langer and Vacanti, 1993). Tissue engineering involves the

seeding of cells onto a porous degradable scaffold and subsequent conditioning in

a bioreactor system. The cells produce and organize the extracellular matrix that

defines the load bearing properties of the tissue once the scaffold has degraded

(Walters and Stegemann, 2013). Previous studies on native connective tissues

have shown that the morphology of the collagen network is responsible for the

mechanical properties in terms of stiffness and load bearing capability of the tissue
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(Billiar and Sacks, 2000a, Driessen et al., 2005c). Analogously, the morphology of

neo-formed tissue engineered collagenous networks is of fundamental importance,

since it determines the mechanical properties and functionality of the constructs

(Driessen et al., 2007).

The formation of collagen networks in tissue engineered constructs is a complex

process. A number of load-driven remodeling mechanisms influence the

reorganization of the collagen network over time. In cardiovascular tissues, the

fibers mainly remodel along and in between the principal loading directions

(Driessen et al., 2005c, Dahl et al., 2008) and the cells play an active role in

the remodeling process (Soares et al., 2011, van Vlimmeren et al., 2012). When

fibroblast-like cells are seeded onto a fibrous scaffold and cultured under pulsatile

conditions, they align preferentially along the fibers of the scaffold, and produce

collagen along the same direction (Hwang et al., 2009, Niklason et al., 2010). The

neo-formed collagen fibers stay in close contact with the scaffold (Eckert et al.,

2011), indicating that the contact guidance by the scaffold is a crucial factor in

early stages of the development of the collagen network. Next to collagen synthesis,

also enzymatic degradation of the collagen fibers takes place. The degradation of

collagen fibers happens according to strain-dependent kinetics. When strain is

applied to a collagen gel, the fibers that are oriented in the direction of the strain

will degrade slower than the fibers in all the other directions (Bhole et al., 2009,

Hadi et al., 2012).

Although the phenomena that drive the collagen reorganization in engineered

tissues have been studied extensively, it is not known to what extent each of them

influences the newly-formed tissue. Recently, de Jonge (2013) demonstrated that

contact guidance by a microfiber electrospun scaffold dominates over strain-driven

collagen formation under static as well as under cyclic loading conditions. In

addition, due to collagen turnover, the mechanical properties of the neo-tissue

will evolve over time. These findings indicate that the structure of the scaffold

can be exploited to obtain anisotropic native-like load-bearing tissues. However,

a systematic characterization of the morphology and the mechanics of the tissue

engineered constructs resulting from scaffolds with different initial morphologies

and subjected to different loading conditions (static and cyclic) is missing. The

aim of the present paper is to investigate the mechanical properties of engineered

tissues growing on fibrous substrates with different fiber distribution and subjected

to static and cyclic loading conditions. This way the relative contribution of
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substrate topology and (cyclic) strain to tissue turnover and tissue mechanical

behavior is explored, with the ultimate aim to mimic the mechanical anisotropy

that characterizes cardiovascular tissues.

We developed a micro-scale model describing the interaction between the scaffold

architecture and the evolving collagen network, as well as the mechanical

properties of the neo-tissue in response to dynamic loading conditions. The

biaxial mechanical properties of the constructs were analyzed experimentally

using both isotropic and anisotropic scaffolds. The scaffolds were composed

of a biodegradable elastomer (PCL-bisurea) (Wisse et al., 2006), and were

manufactured using electrospinning. The computational model captured the key

experimental observations.

3.3 Materials and Methods

3.3.1 Micro-scale growth and degradation model

A representative area element (RAE) of a tissue engineered construct is built. The

RAE is composed of a network of scaffold fibers and a network of collagen fibers.

The initial fiber distributions are described by the fiber volume fractions φif,c and

φif,s along the directions γi with the periodic version of the normal distribution

function introduced by Gasser et al. (2006) and adapted by Driessen et al. (2008):

φif,c = Ac exp

[
cos(2( γihc−αc))+1

βc

]
(3.1)

φif,s = As exp

[
cos(2( γihs−αs))+1

βs

]
(3.2)

with α the main orientation, β the dispersion parameter, and h the frequency

scaling factor. The subscripts c and s refer to collagen or scaffold parameters,

respectively. The parameters As and Ac are calculated in order to equal the total

volume fractions φf,c and φf,s respectively. The fibers are equally spaced in a
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discrete way with an angular interval ∆θ=10◦ between -90◦ and 90◦ -∆θ. The

initial collagen volume fraction is supposed to be low and isotropically distributed

(αc=0◦, βc=3e+4), as in principle cells can produce collagen in every direction.

Over time collagen fibers are developing through a combination of cell-mediated

collagen synthesis and enzymatic degradation. Therefore, the turnover rate of the

fiber radius dr(t)
dt

of a fiber in the direction γi is the difference of the radius growth

rate S and the radius degradation rate D

(
dr(t)

dt
(γi)

)
= S − D. (3.3)

On the basis of previous experimental results, the growth of the fibers along the

fiber direction γi is assumed to be ruled by the fiber radius growth rate, defined

as

S = k1 ·
φs (γi)

φtot,s
· (φmax − φc(t))

φmax
·

exp
(
k2
βs

)
2πr (γi, t) l (γi)

(3.4)

where φs (γi) represents the scaffold fiber volume fraction along the direction γi ,

φtot,s the total scaffold volume fraction. A linear function of the partial scaffold

volume fraction, φs(γi)
φtot,s

, indicates that the contact guidance with the fibers of the

scaffold plays a major role in the distribution of the developing collagen fibers.

This assumption is based on the work of Niklason et al. (2010), showing that,

in the presence of a PGA electrospun scaffold, bundles of fibers grow along the

direction of the fibers of the microfibrous scaffold. φmax is the maximum collagen

volume fraction, which is set to a value of 0.15 (estimated as possible collagen

volume fraction after two weeks of tissue culture from the work of van Geemen

et al. (2012) and Mol (2005)), and φc is the current total collagen volume fraction.

The exponential of βs indicates that the scaffold anisotropy influences the amount

of collagen that is produced (Lee and al, 2005, Teh et al., 2013).

Furthermore, the inverse proportionality with the current radius r(γi) and the fiber

length l(γi) indicates that the variation of fiber radius in each direction decreases

with increasing radius. The constant value k1 is intended to represent the mean

synthetic activity of the cells.
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Table 3.1: Model parameters.

parameter value

k1 8.3e-7 µm/h
k2 0.33 [-]
k3 3.78 µm/h
k4 3.09e-6 µm/h
k5 2.1e-2 [-]
φmax 0.15

As long as the fiber has a positive radius, the enzymatic degradation rate along the

direction γi is described by means of a strain-based Michaelis-Menten law (Menten

and Michaelis, 1913), which is often used to describe enzyme kinetics. It is null

when the radius becomes null.

D =


k3 − k4 ·

(λf (γi)−1)
(k5+λf (γi)−1)

, r (γi) > 0

0, r (γi) ≤ 0
(3.5)

where λf (γi) represents the fiber stretch along the direction γi, and k2, k3 and k4

are the parameters that rule the degradation kinetics.

The degradation that occurs when the strain is null (k3) is defined on the basis

of the experiments performed by Bhole et al. (2009) as described by Hadi et al.

(2012). The parameters of the degradation law are defined in such a way that the

curve reaches the quasi-plateau situation at 4% strain, as described by (Huang

and Yannas, 1977).

All the model parameters that are used in the current work to describe collagen

synthesis and degradation are reported in Table 3.1.

The growth and degradation rules described are implemented in a Forward Euler

formulation over a total time interval of two weeks. At each time step the growth

and degradation rate are calculated and the current radius of the jth fiber along

the ith direction γi is updated
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rj (γi, t+ 1) = rj (γi, t) + (dr (γi, t))g − (dr (γi, t))d . (3.6)

The volume variation of the jth fiber is

dVj
dt

(γi) = π ·
(
rj (γi, t+ 1)2 − rj (γi, t)

2) · l (γi) . (3.7)

The updated total collagen fiber volume takes into account the volume variation

along each direction

Vc (t+ 1) = Vc (t) +
N∑
i=1

wi · dVj (γi, t) (3.8)

where wi is the number of fibers in the ith direction. Finally, the updated collagen

volume fraction

φc = φc (t+ 1) =
Vc (t+ 1)

VRAE
(3.9)

is used to calculate the growth rate at the next step.

3.3.2 Finite element model

The micro-scale model is made of a RAE composed of two fibrous structures

embedded in an isotropic matrix (Fig. 3.1). In the model one network mimics

the fiber distribution that can be observed from a scanning electron microscopy

(SEM) image of an electrospun scaffold. The other network represents a collagen

network, which is supposed to be initially isotropic, as in principle collagen fibers

can assemble in all directions. For both networks a discrete distribution function

is chosen (Eq. 1 and 2). An exponential relationship is assumed to relate the

micro-scale scaffold fiber stress ψf,s,m and stretch λf,s,m for positive stretches:
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ψi
f ,s,m =

h1,sλ
2
f,s,m

[
eh2,s(λ

2
f,s,m−1) − 1

]
, λf,s,m ≥ 1

1, λf,s,m < 1
. (3.10)

The same is used to relate the micro-scale collagen fiber stress ψf,c,m and stretch

λf,c,m for positive stretches:

ψi
f ,c,m =

h1,cλ
2
f,c,m

[
eh2,c(λ

2
f,c,m−1) − 1

]
, λf,c,m ≥ 1

1, λf,c,m < 1
(3.11)

where h1 and h2 are a stress-like and dimensionless parameter respectively and

subscripts c and s refer to collagen or scaffold parameters respectively.

The nonlinearity of the material law is chosen to account for the undulations in

the electrospun fibers and collagen fibers that is otherwise not represented in the

model.

The discrete representation of the electrospun fibrous network was generated with

the method previously developed by Argento et al. (2012). A similar method

is used to describe the discrete collagen network. A Matlab (The Math-Works,

Natick, MA) algorithm evaluates from the fiber volume fraction the number of

fibers in each direction. In each direction, the collagen fibers are displaced

along with the scaffold fibers. The remaining collagen fibers are displaced

with a random distance from the others in the considered direction. All the

microstructural properties of scaffold and collagen network (diameter, volume

fraction, interconnectivity, orientation) can be varied. Connections between

the elements of each network are set, to enable transmission of forces. An

interconnection between elements is defined as a node placed at the intersection

of the two fibers. A defined percentage of all the possible fiber intersections are

randomly picked as fiber interconnections.

The finite element microscopic problem was solved by using the software Abaqus

(Simulia, Providence, RI). A user material (UMAT) was developed to implement

the growth and degradation laws described in Section 3.3.1.
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Figure 3.1: Schematic of a representative area element (RAE), composed of
a network of scaffold fibers (red) and a network of collagen fibers (light green)

embedded in a continuum matrix (dark green).

3.3.3 Engineered constructs

Two different PCL-bisurea (Wisse et al., 2006) scaffolds were produced to perform

the model validation. The scaffolds were electrospun in a climate-controlled

electrospinning cabinet (IME Technology, Eindhoven, NL) equipped with a 0.6

mm diameter capillary and a distance of 15 cm between the capillary and the 5 cm

diameter rotating target drum. 20% (wt) PCL-bisurea was dissolved in chloroform

(CHCl3) and electrospun with a flow rate of 25 µL/min and a voltage of 18 kV

applied. Scaffold 1 was spun with a rotational speed of 100 rpm (corresponding to

a surface speed of 0.52 m/s), scaffold 2 was spun at 2500 rpm (corresponding to a

surface speed of 13 m/s). The thickness of the two scaffolds was 135 µm and 125

µm, respectively. The image processing software ImageJ was used to obtain the

average fiber diameter and the fiber distribution from SEM (FEI, Netherlands)

images.

Samples of each of the two scaffolds were glued over a flexible membrane of

Bioflex well plates (Flexcell International, Hillsborough, NC, USA) as described

by de Jonge (2013). Each construct was seeded with myofibroblasts, and cultured

for two weeks. We tested two different scaffold configurations, one with isotropic

and one with anisotropic fiber distribution. Five experimental conditions were

investigated: biaxial constrain applied to the isotropic scaffold (Fig. 3.2 a), biaxial

constrain applied to the anisotropic scaffold (Fig. 3.2 b), uniaxial 10% dynamic

strain at 1 Hz frequency applied to the isotropic scaffold (Fig. 3.2 c), uniaxial 10%
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dynamic strain at 1 Hz frequency applied to the anisotropic scaffold (with uniaxial

strain applied along and perpendicular to the fiber direction) (Fig. 3.2 d and e).

Dynamic straining was started 30 minutes after seeding the cells into the scaffold,

so that the cells could feel the strain immediately, before they start producing

matrix.

Figure 3.2: Schematic overview of the experimental design. a) Isotropic
scaffold with biaxial constrain applied, b) anisotropic scaffold with biaxial
constrain, c) isotropic scaffold with uniaxial 10% dynamic strain applied, d)
anisotropic scaffold with uniaxial 10% dynamic strain applied parallel to the
fiber direction, e) anisotropic scaffold with uniaxial 10% dynamic strain applied

perpendicular to the fiber direction

After two weeks of culture, the tissue engineered samples were cut loose from the

membranes and left to rest for half an hour. Before detaching the samples from

the membrane, a rectangular shape was drawn on each statically cultured sample

with a tissue felt pen (Fig. 3.3). After resting time, the change in size of the edges

of the rectangle was measured, in order to quantify tissue compaction.

Chloramin-T assay (Huszar et al., 1980) was used to evaluate the hydroxiproline

content, which was then converted to collagen content. The collagen distribution

within the constructs was evaluated with a CNA staining technique (Krahn et al.,
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2006) using a Confocal Laser Scanning Microscope (Carl Zeiss, Oberkochen,

Germany) scanning from the top and from the bottom of the samples.

After culture, one sample for each group was soaked for ten minutes in a bleach

product to remove the tissue, and then washed for three times in water. After

drying, the scaffold samples were imaged with SEM.

Figure 3.3: Experimental system. The constructs were cultured either
statically (left) or cyclically (right). In the statically cultured samples the part
in the black square with solid line was used to measure tissue compaction. In
the statically and cyclically cultured samples the part in the black square with
the dashed line was used for tissue analysis (Chloramin-T assay and mechanical
testing). For the anisotropic scaffolds, the cyclic strain is applied in direction
parallel and perpendicular to the scaffold fibers. Arrows indicate directions of

applied cyclic strain. The scale bar indicates 1 cm.

3.3.4 Mechanical testing

Biaxial tests were conducted on cell-free scaffolds as well as engineered constructs

at the end of the two week culture time using a Biotester (CellScale Biomaterial

Testing).

Three samples per scaffold were soaked in ethanol, kept in water in the incubator

for 24 h, and tested in wet conditions at 37◦C. The samples were stretched with

a biaxial and then uniaxial stretch in both directions at 10%-20%-30% (Fig. 3.4),

and the results were averaged for each type of scaffold.

The same protocol was used to test the engineered samples. For each group two

samples were tested.
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Figure 3.4: Strain pattern used for biaxial tests. The strain pattern consists
in 5 cycles of equibiaxial strain and uniaxial strain in the x and the y direction
at 10%, 20% and 30% strain. A prestrain of 0.2% is applied. A strain rate of

100% strain/min is used.

3.3.5 Scaffold and collagen computational characterization

Scaffold 1 shows fibers with an average diameter of 5.6 µm, a fiber volume fraction

of 27% and an isotropic fiber distribution (β=13.7). Scaffold 2 is composed of

fibers with an average diameter of 4.6 µm, a fiber volume fraction of 33% and an

anisotropic fiber distribution (β=0.65) (Fig. 3.5).

The microstructural fiber parameters of the anisotropic scaffold h1,s and h2,s (Eq.

9) were identified using a least squares optimization of the stress-strain curves at

30% biaxial strain, evaluated by using an homogenization procedure (Kouznetsova,

2002) . The same parameters were used to predict the mechanical behavior of the

isotropic scaffold.

The collagen volume fractions calculated by Chloramin-T assay (Huszar et al.,

1980), in combination with the collagen orientation data from CNA staining,

were used to evaluate the constants that describe the collagen turnover kinetics

in Eq. 3, using a least square optimization procedure. Parameters k1 and k2,

that describe the collagen growth, were evaluated on the mechanical data of the

statically cultured isotropic and anisotropic constructs. Parameters k3, k4 and

k5 , describing the collagen degradation, were estimated using the experimental

mechanical data of the biaxial isotropic statically loaded constructs and uniaxial

cyclically loaded constructs, with strain applied along the scaffold fibers. All the
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Table 3.2: Parameters of the fibers constitutive behavior and prestress.

parameter value

h1,s 804.77 kPa/mm2

h2,s 2.77 [-]
h1,c 4027.95 kPa/mm2

h2,s 13.54 [-]
E 1 kPa

σprestress 116.84 kPa

parameters used in the synthesis and degradation model to simulate the described

experiments are summarized in Table 3.1.

The compaction was measured for the constructs cultured with static strain. To

account for the compaction, in the finite element framework a prestress was

assigned to each collagen fiber. The collagen prestress represents the stress

developed by the cells during culture, which leads to compaction. The collagen

fiber prestress evaluated by fitting the experimentally measured compaction in

an isotropic construct was used to predict the compaction which occurs in an

anisotropic statically cultured tissue.

A least square optimization in the isotropic static case was used to determine the

parameters h1,c and h2,c (Eq. 10), used to describe the biaxial tensile mechanical

behavior of the collagen fibers. The same parameters were used to simulate the

tensile mechanical behavior of an anisotropic static and the cyclic constructs. In

the simulations a static strain of equivalent magnitude to the maximum amplitude

of the applied cyclic strain (10%) was used to simulate an applied cyclic strain. All

the microstructural mechanical constants used to simulate scaffold and collagen

and the Young moduli E assigned to the linear elastic matrix are reported in

Table 3.2.
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3.4 Results

3.4.1 Structural characterization of engineered constructs

The Confocal Laser Scanning Microscopy of the samples from the bottom shows

that the collagen is deposited mainly on the scaffold fibers and in the scaffold

direction more than in between, independently of the applied strain (Fig. 3.5). As

most adherent cells seeded onto a microfibrous substrate are known to elongate

along the fiber direction (Fioretta et al., 2013) and produce bundles of collagen

fibers in their main direction (Wang et al., 2003b, Canty et al., 2004, Richardson

et al., 2007), it seems reasonable to assume that the collagen fibers are deposited

along the direction of the scaffold fibers. Surprisingly, the Confocal Laser Scanning

Microscopy from the top shows the presence of a dense collagen layer on top of

the scaffold.

Surprisingly, the Confocal Laser Scanning Microscopy from the top shows the

presence of a dense collagen layer on top of the scaffold. In particular, the

scaffold anisotropy does not influence the collagen orientation in the top tissue layer

neither for static and cyclic strain applied. In all cases, the collagen orientation

is variable at different scanning depths throughout the thickness of this layer

(Fig. 3.6). However, this study does not focus on understanding and quantifying

the phenomena that drive the collagen orientation in the absence of scaffold. The

collagen in the top layer assumes a different orientation at different depths. It

is assumed that the differently oriented collagen fibers in the top layer globally

contribute to the mechanical properties of the construct as an isotropic layer.

Therefore the top layer is modeled as an isotropic layer in the simulations.

The collagen volume fractions calculated with Chloramin-T assay for each

construct are reported in Table 3.3. Although not statistically tested, higher

scaffold anisotropy seems to enhance the production of collagen. In the

computations, for each construct 1/3 of the evaluated collagen volume fraction

is considered to belong to the thickness of the scaffold, 2/3 to the top tissue layer,

which is here assumed to be isotropic. Since it is not possible to split the samples

to quantify the amount of collagen belonging to the top layer, these values are

not based on experimental measurement. However they have been chosen in order

to assign a higher collagen volume fraction to the top layer, which images show



Chapter 3 57

Table 3.3: Collagen volume fraction in the engineered tissues.

construct collagen volume fraction

Isotropic static 3.9%
Anisotropic static 6%

Isotropic cyclic 10% 5.5%
Anisotropic cyclic 10% 6.9%

to be denser than the collagen network formed within the scaffold fibers (Fig. 3.5

and 3.6).

The bare scaffolds, imaged after the culture period, do not show loss of structural

anisotropy.

3.4.2 Mechanical behavior

The evaluated structural parameters were used to build a micro-scale model of the

two scaffolds. The optimal parameters that characterize the mechanical behavior

of the PCL-bisurea scaffold fibers h1,s and h2,s were estimated with reference to

the biaxial mechanical behavior of the anisotropic scaffold (Table 3.2). The values

were used to predict with good accuracy the mechanical properties of the isotropic

scaffold (Fig. 3.7).

The micro-structural features of the scaffold and the collagen networks were used

to build the computational model of the isotropic and anisotropic tissue engineered

constructs.

In the isotropic statically loaded construct, the model is able to capture a

quasi-isotropic compaction (Fig. 3.8), and evaluates an optimized cell prestress

associated to each collagen fiber of 116.84 kPa (Table 3.2). The optimized cell

prestress was used to model compaction in the anisotropic construct. In the

anisotropic static construct, compaction is bigger in the direction parallel to the

scaffold fiber main orientation (Fig. 3.8).

Taking into account a top isotropic collagen layer, the simulation at 30%

equibiaxial strain of the isotropic scaffold after compaction desribes correctly the

isotropic mechanical properties of the construct. This allowed the estimation of
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Figure 3.5: Representative SEM pictures of the isotropic (a) and anisotropic
(b) scaffold, with respective fiber distribution. Representative confocal
microscopy images of tissue engineered constructs cultured in isotropic (c) and
anisotropic (d) scaffold, with respective collagen fiber distribution, imaged from
the bottom of the construct. In figures (c) and (d) the collagen is represented
in green, and the scaffold fibers are represented in red. The scale bar represents

50 µm.

the collagen material properties h1,c and h2,c (Table 3.2). With these parameters,

the equibiaxial strain of the anisotropic construct and of the cyclically strained

constructs could be predicted. All the constructs show an exponential-like

stress-strain curve, and a higher stiffness than the bare scaffolds, implying the

formation of tissue . The isotropic statically loaded construct shows isotropic

mechanical properties, while the isotropic cyclically loaded construct shows a

slightly higher stiffness in the direction of the applied stress, due to strain

protection from degradation. All the simulations of constructs cultured in the
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Figure 3.6: Pictures of the top collagen layer throughout the thickness of the
layer. On the first row a tissue engineered construct cultured on an anisotropic
scaffold in static conditions is represented, on the second row a construct
cultured in cyclic conditions with the strain perpendicular to the fiber direction

is represented. The scale bar represents 50 µm.

Figure 3.7: Fit of the experimental equibiaxial mechanical behavior for the
anisotropic scaffold (left). Predicted biaxial mechanical behavior of the isotropic
scaffold (right) by using the optimal material parameters of the anisotropic

scaffold.
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Figure 3.8: Compaction in tissue engineered constructs cultured on isotropic
and anisotropic scaffold in static conditions. In the anisotropic case the y
direction indicates the direction of main fiber orientation. The experimental

data are averaged from two samples.

presence of cyclic strain show a slight underestimation of the stiffness in the strain

direction. The tissue engineered constructs cultured on anisotropic scaffold with

strain perpendicular to the fibers shows an isotropic mechanical behavior, while

the predicted mechanical behavior is more anisotropic, probably due to a dominant

orientation in the collagen top layer (Fig. 3.9).

All the tissue engineered constructs cultured with an anisotropic scaffold show a

decrease of the anisotropy of the initial scaffold and a more isotropic behavior. This

is the consequence of the presence of a dense collagen layer with variable collagen

orientation throughout the layer thickness above and below the scaffold. When

the contribution of the top layer is neglected in the simulations, the constructs

show structural and mechanical anisotropy (Fig. 3.10).

3.5 Discussion

The present study investigated the possibility of relating the structural properties

of engineered constructs to their mechanical behavior. For this, a mathematical

model of collagen turnover was formulated. The model was implemented in a FE

micro-scale model of a tissue engineered construct, accounting for the contribution

of the scaffold and of the collagen network. The parameters that define the

mechanical properties of PCL-bisurea scaffold fibers and collagen fibers were

estimated. Two scaffolds, one isotropic and one anisotropic, were used to test
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Figure 3.9: Fit of the experimental equibiaxial mechanical behavior of the
isotropic static tissue engineered construct (a). The material parameters
estimated in (a) are used to predict the equibiaxial mechanical behavior of tissue
engineered constructs characterized by anisotropic scaffold with static strain
applied (b), isotropic scaffold with cyclic strain applied (c) and anisotropic
scaffold with cyclic 10% strain applied parallel (e) and perpendicular (e) to

scaffold fibers.
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Figure 3.10: Predicted biaxial mechanical behavior of an anisotropic static
tissue engineered construct, when it is assumed that the entire collagen volume
fraction estimated follows the rules for collagen turnover within the scaffold

fibers.

the approach. The structural properties of the scaffolds and the total volume

fraction of the collagen network were used to evaluate the collagen distribution

after two weeks of culture under different loading conditions. The model was used

to simulate the biaxial mechanics of engineered constructs cultured over isotropic

and anisotropic scaffold in static and cyclic loading conditions. The formation

of top tissue layers with variable collagen distribution was taken into account

in the simulations. Finally, the model was used to describe the mechanics of a

tissue engineered construct without any top tissue layer. Its mechanical behavior

resembles the anisotropy that characterizes cardiovascular tissues, as it is described

by Driessen et al. (2007).

The presented model accounts for a number of phenomena that have been

described in previous studies, like contact guidance by the scaffold fibers (Niklason

et al., 2010, de Jonge, 2013), enhanced collagen deposition due to scaffold

anisotropy (Lee and al, 2005, Teh et al., 2013) or use of cyclic load (Boerboom

et al., 2008, Rubbens et al., 2009b), and load protection from enzymatic

degradation (Huang and Yannas, 1977, Wyatt et al., 2009). It should be noticed

that the described phenomena only occur when microfibrous scaffolds are used.

In contrast, cells seeded on nanofibrous scaffolds have been shown to spread over

more fibers, following the fibrous pattern and responding to the applied strain

(Erisken and al, 2013, Subramony et al., 2013). At these conditions, the model

is able to predict collagen distributions in agreement with experimental findings

(Niklason et al., 2010, de Jonge, 2013).

For isotropic and anisotropic constructs with static and cyclic strain the model
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successfully describes that the collagen mainly aligns along the scaffold fibers,

accounting for the dominant effect of contact guidance. In addition, the model

captures the phenomenon that extensional strain protects the collagen fibers

against degradation.

However, the collagen layer that grows on top of the scaffold is, for simplicity,

described as isotropic. The developed model does not intend to describe the

phenomena that drive the collagen turnover in absence of scaffold. Moreover,

images through the thickness of the top layer do not show a clear trend in the

collagen orientation, but highly oriented collagen in different direction at different

image depths. Therefore, in this layer the complex load driven phenomena that

have been shown to drive collagen orientation in 3D constructs (Foolen et al., 2012)

are not accounted for. For these reasons, the surface layers are not quantified but

approximately hypothesized to be isotropic, as sum of the contribution of fibers

in different directions. In particular, the lack of strain protection of collagen in

this layer might be considered partly responsible for an underestimation of the

mechanical performance in the strain direction in all the loaded constructs.

In the presence of a scaffold, the deposited collagen follows the surface of the

scaffold fibers. Images of the tissue taken with confocal microscopy do not

clearly show whether the collagen is deposited on and around the fibers or along

them (de Jonge, 2013). However, Niklason et al. (2010) report nonlinear optical

microscopic (NLOM) images of engineered tissues showing bundles of collagen

fibers aligned with scaffold fibers. Therefore, it is more reasonable to hypothesize

that the cells that elongate by contact guidance in the fiber direction (Fioretta

et al., 2013, de Jonge, 2013) produce bundles of fibers coaxial with the scaffold

fiber, more than around it (Wang et al., 2003b, Canty et al., 2004, Richardson et al.,

2007). This might indicate that, in case of an aligned scaffold, the prevalence

of collagen along the main direction of the scaffold fibers should increase the

anisotropic mechanical properties of the constructs. Nevertheless, the constructs

that are cultured on anisotropic scaffold substrates show a lower anisotropy than

their initially bare scaffold. By imaging the scaffold after culture, it was verified

that the scaffold does not lose its structural integrity after two weeks of culture,

thus losing the characteristic anisotropy. Furthermore, the amount of compaction

was investigated to verify whether different compaction in the two straining

direction might cause a different initial straining point. Nevertheless, the measured

compaction, between 5% and 8%, cannot explain alone the decrease of an initially
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pronounced anisotropy. Finally, the presence of the top layer with variable collagen

orientation and thickness comparable to the scaffold thickness was observed. This

was considered to be the main responsible factor for the poorly anisotropic response

of the constructs.

In conclusion, the developed model can successfully describe the collagen

distribution and the mechanical properties of an engineered tissue cultured on an

isotropic electrospun scaffold in static conditions, when the total collagen content

of the construct is given. Furthermore it can predict the collagen distribution and

the mechanical properties of the engineered constructs resulting from isotropic and

anisotropic scaffolds when static and cyclic loading conditions are applied.

The dominance of contact guidance over strain suggests that the mechanical

anisotropy that characterizes cardiovascular tissue can be mimicked when an

anisotropic scaffold is used. However, it is necessary to verify that cells penetrate

well into the scaffold, and avoid the formation of superficial collagen layers, whose

architecture might decrease the mechanical anisotropy of the construct.



Chapter 4

Influence of substrate geometry

on cell contact guidance

The contents of this chapter are based on: Argento, G., Obbink-Huizer, C.,

Fioretta, E., Oomens, C.W.J., Bouten, C.V.C., Baaijens, F. P. T.. Influence

of substrate geometry on cell contact guidance, submitted.

65



Chapter 4 66

4.1 Abstract

Contact guidance originating from topographical cues is a powerful mechanism

to align cells on substrates and in three dimensional fibrous environments, and

even has been shown to overrule cyclic strain cues. The mechanism of contact

guidance is still unclear and a better understanding is necessary in order to

control cell and collagen orientation in engineered tissues. This study aims at

understanding the intracellular mechanisms that occur when the cells respond by

contact guidance to the topology of the substrate electrospun fibers. In this study,

we use a recently developed computational framework to model the tension-driven

development of stress fibers in cells spread over a flat substrate and on electrospun

fibers with different diameters in the micrometer range. An order parameter is

defined to indicate the degree of alignment of the actin stress fibers with the

substrate. Simulations show that cells are better able to develop high stresses and

aligned bundles of stress fibers when they are spread on the substrate than when

they maintain a more spherical shape. The order parameter correlates well with

experimental observations on cell spreading and alignment with small diameter

fibers. A high order parameter is associated to spread and aligned cells that are

generally observed in in vitro experiments.

4.2 Introduction

In vitro culture systems have shown that cells are able to respond to mechanical

cues such as strain, flow and substrate stiffness. 2D cyclically cultured cells orient

perpendicularly to the direction of an applied cyclic strain. The tendency of

the cells to orient perpendicularly to the applied strain is called strain avoidance

(Wang and Grood, 2000, Wang et al., 2003a, Loesberg et al., 2005, Lam et al.,

2008, Yeong et al., 2010). This behavior is lost when the Rho-associated protein

kinase (ROCK), that regulates the polymerization of the stress fibers, is inhibited

(Kaunas et al., 2005). In uniaxially constrained 3D microtissues and 3D gels cells

orient along the direction of an applied static or cyclic strain (de Jonge et al.,

2013, Foolen et al., 2012). However, when a biaxial constraint is used and cyclic

strain is applied in one direction, cells show strain avoidance unless the collagen

network is too dense to allow for cellular reorientation (Foolen et al., 2012).
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The phenomenon of contact guidance can be clearly observed when cells are

exposed to a micro-scale patterned substrate. In this case the cell behavior is

dominated by the substrate topography. Fibroblast cells orient in the direction

of the 2D microgrooves where they are cultured, independently of the externally

applied strain (Loesberg et al., 2005). Similarly, in 3D tissue engineered constructs

using microfibrous electrospun substrates, the cells clearly orient along the fiber

direction or spread at the intersection of two fibers (Fig. 4.1) (Bashur et al., 2009,

Lowery et al., 2010, Fioretta et al., 2013). Fibroblast cells are able to feel the

guidance of substrate grooves having a width of 5-10 µm, and the depth of the

grooves plays a significant role in cell alignment (Loesberg et al., 2005). This

size is comparable to the size of the fibroblast cells (Freitas, 1999). In this case

the substrate micro-architecture overrules the applied strain. In addition, the

organization of the stress fibers has been found to vary depending on the type

of cells. Fioretta et al. (2013) showed that, on fibers with diameter above 5

µm, Endothelial Colony Forming Cells (ECFCs) elongate and develop long stress

fibers in the direction of the scaffold fiber (Fig. 4.1), while Human Umbilical Vein

Endothelial Cells (HUVECs) wrap around the fiber and develop fibers aligned

circumferentially to the scaffold fiber (Fig. 4.1). Furthermore, cell nuclei present

a more flat geometry in ECFCs and a more spherical geometry in HUVECs.

This principle does not hold in exactly the same way when the architecture of

the substrate is in the nanometer range. In that case the size of fibroblast cells

is considerably bigger than the size of the substrate structure. Cells can spread

over more nanogrooves or nanofibers, being able to feel the substrate texture, but

spreading more uniformly over the substrate (He et al., 2005, Ma et al., 2005,

Badami et al., 2006, Fioretta et al., 2013).

Understanding the response of the cells to substrate topology and the ability

to control the cell distribution and orientation is essential in tissue engineering

applications. From previous studies it is clear that the cells are able to reorient the

collagen (Stopak and Harris, 1982), and produce collagen in their main direction

(Birk and Trelstad, 1984, Trelstad and Birk, 1985, Wang et al., 2003b, Canty et al.,

2004, Richardson et al., 2007). The collagen is the main load bearing component of

a soft tissue, and therefore its architecture determines the mechanical properties of

the tissue (Billiar and Sacks, 2000a, Driessen et al., 2005a). Although the behavior

of the cells with respect to their environment is currently broadly studied, it is

not fully understood what are the mechanisms that cause the cells to align over a
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Figure 4.1: Immunofluorescent images of ECFCs and HUVECs cultured
on PCL electrospun scaffolds with an average fiber diameter of 11 µm. Cell
cytoskeleton is stained in green (phalloidin) and nuclei in blue (DAPI). ECFCs
cytoskeleton is aligned along the scaffold fiber, with the nucleus flattened on the
fiber (*). HUVECs, instead, displayed cytoskeleton filaments organized around
the scaffold fiber (white arrows) and a rounded nucleus (#) (Fioretta et al.,

2013).

patterned substrate. In particular, in the last decades fibrous scaffolds substrates

have been largely used for cardiovascular tissue engineering applications (Mol,

2005, Courtney et al., 2006, Niklason et al., 2010, van Vlimmeren et al., 2011,

Ionescu and Mauck, 2012, Chainani et al., 2013). Therefore, in order better

control the development of cardiovascular replacement tissues, it is necessary to

understand the mechanical principles that govern the interaction between the cells

and their fibrous substrate.

A number of models have been proposed (Deshpande et al., 2007, Vernerey and

Farsad, 2011, Obbink-Huizer et al., 2013) to predict the stress fiber evolution

in response to external mechanical stimuli. Here we investigate if the model

developed by Obbink-Huizer et al. (2013) can shed light on the interaction between

a single cell and surface topology, by using a geometrically realistic representation

of the cell and the substrate. These models are characterized by an evolution

law for the actin stress fiber. High fiber tension induces either low stress fiber

dissociation (Deshpande et al., 2007) or high stress fiber synthesis (Vernerey and

Farsad, 2011, Obbink-Huizer et al., 2013), leading to a large amount of stress fibers

in directions with high fiber tension. The model by Deshpande et al. predicts

strain avoidance in response to cyclic strain, but cannot capture the increased

strain avoidance for increased strain amplitude at a constant strain rate. On the

other hand, the model proposed by Obbink-Huizer et al. (2013) independently
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sense strain and strain rate. Moreover, this model has been used to describe that

the cells are able to respond to the substrate anisotropy by orienting preferentially

in the stiffest direction, and this effect increases with a decreased cell matrix

stiffness.

The interaction between cells and their environment depends on the relative

dimensions of the cell and the substrate topology. Fibroblasts, which are very

often used for tissue engineering purposes (Merryman et al., 2007, Bourget et al.,

2012, van Geemen et al., 2012, van Vlimmeren et al., 2012, Weidenhamer and

Tranquillo, 2013) have a diameter of approximately 10-15 µm with a nucleus of

approximately 5-6 µm, when they are observed in their rounded configuration

(Freitas, 1999, Swanson et al., 1991, Webster et al., 2009). On electrospun

microfibrous substrates, with fiber diameters of 5 µm and larger cells have been

shown to elongate along single fiber, and may achieve lengths up to 100 µm

(Fioretta et al., 2013).

We question (1) what is the architecture that stress fiber develops when a cell

keeps a spherical geometry or assumes a spread geometry on a flat substrate, (2)

what is the architecture that stress fiber develops when cells with different shapes

orient their main axis parallel or perpendicular to a fiber substrate and whether it

is influenced by the substrate diameter. To answer these questions, we design cells

with rounded and flattened shapes on flat and fibrous substrates, and we define

an orientation principle to characterize and compare different cell geometries.

4.3 Materials and Methods

4.3.1 Mathematical model

The computational model developed by (Obbink-Huizer et al., 2013) was used to

decribe the formation of stress fibers. The total cell stress σcell is evaluated by

summing the contribution of the stress fibers in a number of discrete directions.

In each direction ~eθ the stress associated with the stress fibers σpθ is weighted by

the fiber volume fraction Φp
θ in that direction
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σcell =
∑
θ

wθ Φp
θ σ

p
θ ~eθ~eθ (4.1)

The fiber stress is based on a Hill-type muscle model. According to this model, the

cell fibers apply stress to their environment as a function of the strain ε (function

f(ε)) and of the strain rate ε̇ (function g(ε̇)) (Fig. 4.2).

σpθ = σmaxf(ε)g(ε̇) (4.2)

Figure 4.2: Dependence of the fiber tension on the strain rate (left) and on
the strain (right) as described by Obbink-Huizer et al. (2013)

The length-tension relationship f(ε) is characterized by an active component f(ε)a,

describing that active acto-myosin contraction decreases when the absolute strain

in a contractile unit differs from zero. Next to this there is a passive component

f(ε)p modeling a strain hardening response in extension

f(ε) = f(ε)a + f(ε)p (4.3)

f(ε)a = exp
−(

εθ
ε0

)2
(4.4)
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f(ε)p =

0 if εθ < 0

( εθ
ε1

)2 if εθ ≥ 0
(4.5)

where ε0 describes how quickly contraction reduces as strain differs from zero and

ε1 describes passive strain hardening. εθ represents the Green-Lagrange strain

εθ = 1
2
(λ2

θ−1), with λθ oriented in the direction θ. The length-velocity relationship

gε̇ indicates increased strain avoidance when strain rate is increased

g(ε̇) =
1

1 + 2√
5

(
1 +

kvε̇θ + 2√
(kvε̇θ + 2)2 + 1

)
(4.6)

where kv describes how quickly contraction reduces as the rate of shortening

increases. A fiber stress in a certain direction leads to an increased stress fiber

volume fraction in this direction, according to:

dΦp
θ

dt
= (kf0 + kf1σmaxfε,agε̇)Φ

m − kdΦp
θ (4.7)

where kf0 , kf1 are stress fiber formation constants and kd is a stress fiber dissociation

constant. Furthermore actin mass conservation is assumed, accounting for the

actin that is present as either monomer (Φm) or fiber (Φp
θ for angle θ)

Φtot = Φm +
∑
θ

wθ Φp
θ (4.8)

The 3D discrete fiber directions, are chosen with orientations and corresponding

weighting factors determined by Lebedev quadrature points (Lebedev and Laikov,

1999). Since every Lebedev point has a ‘partner’ with the same orientation but

opposite direction, only half of the Lebedev grid points are used, in this case

25 orientations, while the weighting factors of both directions are summed. The

isotropic part, that comprises the isotropic plasma component, is modeled as a

neo-Hookean material
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Table 4.1: Material parameters.

parameter description value

σmax maximal stress fiber stress 2.05 Pa
ε0 how quickly contraction reduces

as strain increasingly differs from
0

1.2−1

ε1 passive strain hardening 1.7−1

kv how quickly contraction reduces
as rate of shortening increases

5.0 s

kf0 basal stress fiber formation 1.5−9 s−1

kf1 stress dependent stress fiber
formation

7.0−10 s−1Pa−1

kd stress fiber dissociation 1.0−6 s−1

Φtot total actin volume fraction 5.0−2

σNH = κ
ln(J)

J
I +

G

J
(FF T − J2/3I) (4.9)

where σNH is the substrate stress, F the deformation tensor J=det(F ) and κ

and G the bulk and the shear moduli respectively. The Young modulus of the

New-Hookean material was set to ENH=0.1 kPa, which is lower of a factor of 10−3

than the matrix stiffness used in previous simulations Obbink-Huizer et al. (2013),

in order to allow the fibers to reorient when the cell develops stress and compacts.

Such a value is in the same order of magnitude of the passive cytoplasm stiffness

used in previous single cell studies by Ronan et al. (2012). The model parameters

used in this work are listed in Table 4.1.

The cell nuclei was assumed to be composed of a linear elastic material, more than

10 times stiffer than the cytoplasm (Thoumine et al., 1999). The nucleus stiffness

was set to En=4kPa (Ronan et al., 2012).

The described theoretical model was implemented in the commercial finite element

package ABAQUS (SIMULIA, Providence, RI, USA).
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4.3.2 Cell geometry

The 3D cell models were designed with the CAD software Autocad and Inventor

Fusion. A reference spherical cell with 15 µm diameter and a concentric spherical

nucleus of 6 µm diameter was assumed (Freitas, 1999). In all the cell geometries

the volume of the cell and of the nucleus was kept constant.

Five different substrate shapes were simulated: flat substrate, and fibers with a

diameter of 2 µm, 5 µm, 10 µm, 15 µm. Experimental studies show that, when

the cells are seeded on these substrates, they deform assuming a flat geometry.

In particular, when fibroblast-like cells are seeded on a 2D flat substrate, they

spread rather evenly in every direction and polymerize their actin filaments

isotropically (Fardin et al., 2010). In order to investigate the stress fiber

organization as a function of cell spreading, a rounded cell and spread cells with

different aspect ratio (aspect ratio of 1 and 1.6), defined as the ratio between the

long cell axis and the short cell axis, were modeled (Table 4.2 a, b and c).

ECFCs seeded on a fiber tend to elongate axis and form stress fibers along the

fiber direction (Fioretta et al., 2013). The organization of the polymerized stress

fibers in a cell with its main axis in the fiber direction was compared to the

organization of the stress fibers in a cell with its main axis perpendicular to the

fiber direction. To do that, an arc-shaped elongated cell along the fiber axis and

a cell perpendicular to the fiber axis were modeled. This was done for a fiber

substrate of 2, 5, 10 and 15 µm. For an easier comparison, the main axis of all

the cells parallel to the fiber was set always equal to 100 µm (Table 4.2 e, g, j,

k). In case of the cell perpendicular to the fiber main axis, the cell was modeled

to be spherical, and the fiber shape was cut out of the cell volume (Table 4.2 d,

f, i). The elongated arc shaped cell geometries refer to the topology of the ECFC

cells observed by Fioretta et al. (2013). The cell geometries perpendicular to the

scaffold fibers are not observed in experiments, and here included for comparison

in contrast with the elongated geometry.

In contrast to the behavior of the ECFCs, HUVECs wrap around the fiber and

form stress fibers predominantly in the circumferential direction of the fiber. When

elongated, these cells present a nucleus that is more spherical than the ECFCs

which are relatively ellipsoidal (Fioretta et al., 2013). We hypothesize that this

behavior is due to the dominant polymerization of F-actin in cortical structures
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in HUVEC cells, that form close to the cell attachment at the fiber surface (Huot

et al., 1997). This way the cell is able to wrap tightly around the fiber substrate

and the nucleus. These geometrical features were used to model a HUVEC-like

cell on a 10 µm fiber substrate (Table 4.2 h).

The nuclei of the cells on a flat substrate were modeled spherical. For the cells

on a fiber substrate, the cell nucleus was modeled as an ellipsoid. We hypothesize

that in ECFCs, the polymerized actin fibers form an actin cap that exerts tension

on the nucleus and deform it (Khatau et al., 2009). The geometry of the ellipsoidal

nucleus is represented by means of an aspect ratio (a.r. in Table 4.2), defined as

ratio between the long and the short axis of the ellipsoid. For each cell geometry,

the nucleus aspect ratio was chosen in order to keep the cell volume and the main

axis constant, and allow a better comparison of the results of the different cells.

The surface of the cell in contact with the scaffold fiber was fully attached to the

fiber. Symmetry was assumed, and 1/4 of the cell was modeled. On the external

surface the cell was assumed to deform freely.

Table 4.2: Parameters for cell design.

id substrate cell shape nucleus a. r. cell geometry

a flat rounded 1

b flat flat (a.r. 1) 1

c flat flat (a.r. 1.6) 1

d 15 µm fiber ⊥ to fiber 1.6

e 15 µm fiber ‖ to fiber 2.6
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f 10 µm fiber ⊥ to fiber 1.7

g 10 µm fiber ‖ to fiber 2.7

h 10 µm fiber ‖ to fiber 1

i 5 µm fiber ⊥ to fiber 1.2

j 5 µm fiber ‖ to fiber 3.3

k 2 µm fiber ⊥ to fiber 6.8

4.3.3 Order parameter

An order parameter was defined to quantify the stress fiber orientation for the

different cell geometry.

For every fiber direction the scalar product between the stress fiber direction −→r
and the direction

−→
i is used to describe the angle θi between them (Fig. 4.3)

∣∣∣−→i · −→r ∣∣∣ = |cosθi| =

1 if −→r ‖ −→i

≥ 0 and < 1 otherwise
, i = n, l, t (4.10)
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where n is the normal direction to a flat substrate and l and t are the longitudinal

and the tangential direction to a fiber substrate respectively.

For a flat susbtrate the order parameter ρn is described as an average over all the

integration points of the finite element model by

ρn =

nint∑
i=1

(
N∑
j=1

(1− |cosθn|))

nint
. (4.11)

For a fibrous substrate, the contact guidance in the longitudinal and

circumferential fiber direction is distinguished with the use of a longitudinal (ρl)

and a tangential (ρt) order parameter

ρl =

nint∑
i=1

(
N∑
j=1

(|cosθl|))

nint
, ρt =

nint∑
i=1

((
N∑
j=1

(|cosθt|))

nint
(4.12)

where nint is hte number of integration points in the model, and N is the number

of stress fiber directions.

 

Figure 4.3: Schematic of the directions for the calculation of the order
parameter. (a) On a flat substrate, n is the normal to the substrate, r is the
local direction of the stress fibers, and θn is the angle between both directions.
(b and c) On a fibrous substrate l is the longitudinal direction, t the tangential
direction, r the local direction of the stress fibers. θl and θt are, respectively,

the angles that they form
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4.4 Results

The cells with a rounded shape on the flat substrate (Table 4.2 a) or with their

main axis perpendicular to the fiber substrate (Table 4.2 d, f, i) develop high

principal stresses, defined as the maximum eigenvalue of the stress tensor, at the

cell basis and around the nucleus, while lower stresses characterize the rest of the

cell body. In contrast, the spread cells on a flat substrate (Table 4.2 b, c), and the

cells with a main axis parallel to the fiber direction (Table 4.2 e, g, h, j, k) overall

show higher stresses throughout the cell body (Fig. 4.4 and Fig. 4.5).

Figure 4.4: Principal stress distribution in (a) a rounded cell, (b) a spread
cell with aspect ratio of 1, (c) a spread cell with aspect ratio of 1.6 onto a flat

substrate

The fiber distribution shows that the cells that assume a flat configuration on the

substrate (Table 4.2 b, c, e, g, h, j, k), recruit a high percentage of the available

actin monomer to build up stress fibers. When the cell has a rounded shape a

lower amount of monomer is polymerized in stress fibers (Fig. 4.6).

The spread and elongated cells (Table 4.2 b, c, e, g, h, j, k) develop bundels of

fibers that run from the fixed boundary, at the substrate surface, to the nucleus.

A difference can be observed between geometry g and h. In the first case the fibers

preferentially run from the constraint boundary towards the nucleus, while in the

second case the orientation in the longitudinal direction is less pronounced, and

the development of a number of actin fibers in the circumferential direction can

be observed.

In the rounded cell geometry (Table 4.2 a) and in those with main axis

perpendicular to the fiber direction (Table 4.2 d, f, i), some stress fibers bundles

can be observed at the cell basis, from the fixed surface toward the nucleus, and
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Figure 4.5: Principal stress distribution in a cell perpendicular (on the left)
and parallel (on the right) to a fiber substrate. (d) and (e) 15 µm fibrous
substrate, (f) and (g) and (h) 10 µm fibrous substrate, (i) and (j) 5 µm fibrous

substrate, (k) 2 µm fibrous substrate.

around the nucleus. The rest of the cell body is characterized by a lower amount

of fibers, that do not show any preferential orientation. No significant difference

appears in the stress distribution and fibers pattern for different fiber diameter

(Fig. 4.7 and Fig. 4.8).

The stress fiber distributions are represened by the global order parameter. In

general, spread and elongated cell configurations show higher order parameters

than their rounded counterparts. On a flat substrate an increased aspect ratio

increases the order parameter (Table 4.2 b, c). Elongated cells (Table 4.2 b, d,

g, h) show a much higher longitudinal order parameter than tangential. The two
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Figure 4.6: Percentage of the total monomer embedded in stress fibers over
the whole cell model for different cell geometries

Figure 4.7: “Spider-like” cross-sectional representation of the stress fiber
distribution for different cell geometries on flat substrate. (a) Rounded cell
geometry, (b) spread cell geometry with aspect ratio of 1, (c) spread design

with aspect ratio of 1.6 onto a flat substrate.

parameters are of comparable amplitude for the cell geometry Table 4.2 h wrapped

around the fiber (Fig. 4.8).

A positive relation can be observed between order parameter and developed stress.

4.5 Discussion

The aim of the present study was to investigate the influence of the substrate

fiber diameter on the polymerization and the orientation of stress fibers in the cell

cytoplasm. For this purpose, a flat plane and a single fiber with different diameters

(2 µm, 5 µm, 10 µm, 15 µm) were used as substrate for a single cell. In all the

cases a more rounded cell configuration was compared to a spread configuration.

Results show that spread and elongated cells have a more polymerized stress fibers
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Figure 4.8: “Spider-like” cross-sectional representation of the stress fiber
distribution for different cell geometries on fiber substrate. Circumferential
(left) and longitudinal (right) view of a cell perpendicular to a 10µm fiber
(geometry f). Circumferential (left) and longitudinal (right) view of an
arc-shaped cell (geometry g) and a cell wrapped around a 10 µm fiber substrate

(geometry h).

Figure 4.9: Order parameter for the different proposed cell design. The index
“t” indicates the tangential order parameter and “l” the longitudinal order
parameter for a fibrous substrate, the index “n” indicates the order parameter
measured with respect to the normal to a flat substrate. The schematics on top

of the graph indicate the type of cell design
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in comparison with their spherical counterparts. A flattened cell configuration

favours the formation of oriented bundles of stress fibers and a high tensional

state. In addition, the order parameter increases with the cell elongation. Finally,

a cell whose cytoplasm is tightly wrapped around the fiber substrate develops

fibers that run in the circumferential direction.

In general, this study indicates that the shape of the substrate closely relates

to the possibility of the cell to spread on it. Cell spreading is a complex

mechanism based on the interaction of membrane-based integrins with their

substrate (Cuvelier et al., 2007). When adhesion occurs, cells apply forces to their

substrate and respond through cytoskeleton re-organization (Ladoux and Nicolas,

2012). Therefore the amount and the orientation of stress fibers that are built in

the cell depends on the spatial organization of the attachments sites. Furthermore,

the position and the shape of the nucleus are important for stress fibers formation,

as the nucleus represents a stiff structure inside the cell body.

The presence of a more significant amount of actin fibers in a spread configuration

than in a rounded configuration is in agreement with the work described by Ronan

et al. (2012). In his work, the presence of a band of stress fibers running from

the top of the nucleus to the cell periphery was predicted, while in the rounded

cell stress fibers can be found mainly at the cell basis and around the nucleus.

In the model of Ronan et al. (2012) a high tensional state is responsible for a

reduced fiber dissociation, while in the model of Obbink-Huizer et al. (2013) a

high tensional state causes high fiber formation. In both cases, an higher adhesion

area guarantees an the development of a high stress and a net high amount of

stress fibers.

Fibroblast cells on 5 and 10 µm fibers or oriented grooves comparable to the cell

size orient longitudinally to the fibers and the grooves (Charest et al., 2007, Hwang

et al., 2009, Fioretta et al., 2013). In contrast, when fiber diameters are in the

nanometer range, cells (much smaller than the cell size) span a number of fibers

and assume a more uniform configuration (Subramony et al., 2013). A high order

parameter indicates that, in principle, an elongated cell on a small fiber (2 µm

diameter in our case) might be a favourable cell configuration. However, scaffolds

that are spun by conventional electrospinning have shown a direct relation between

the fiber diameter and the scaffold porosity (Zhong et al., 2011). Therefore, a

scaffold with small fiber diameter (< 1-2 µm) will typically have a pore size that

is too small for cells of 10-15 µm diameter to span only one or two fibers (Balguid
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et al., 2009). In these cases cells encounter more than one fiber in their elongation

process and start spreading over more fibers (Chaurey et al., 2012, Fioretta et al.,

2013). At the scaffold surface, the cell can follow the orientation of the nanofibers

when they create a clear orientation pattern (Baker and Mauck, 2007, Prabhakaran

et al., 2013).

It has been observed that ECFCs cultured on electrospun substrates develop stress

fibers mainly in the longitudinal direction, while HUVECs cultured over the same

substrate develop stress fibers mainly in the circumferential direction (Fioretta

et al., 2013). Fioretta et al. (2013) report that ECFCs cultured over a fibrous

substrate (5-10 µm diameter fibers) show a clear actin cap over the nucleus. They

hypothesize that this may cause higher intracellular tension in ECFCs, which may

deform the nucleus. In contrast, the lack of an actin cap in HUVECs might be the

reason for the presence in these cells of a more rounded nucleus. In addition, it

has been found that HUVECs develop a significant amount of cortical actin, which

locates at the periphery of the cell (Huot et al., 1997). These observations explain

the rationale behind the modeling of an elongated and a wrapped cell around the

scaffold fiber, modeled with an ellipsoidal and a spherical nucleus respectively.

As results show, the different shape of the two cells leas to different stress fiber

formation.

In conclusion, the use of a mechanical cell model on a single cell level allows us

to observe the stress fiber architecture that develops within a cell on a flat (2D)

and a fibrous substrate (3D) as function of the cell shape. The formation of a

large amount of stress fibers in spread cells that relates to the tensional state in

the cell can be considered as the underlying physical and mechanical mechanism

for cell contact guidance both over 2D and 3D substrates. In turn, the cell shape

is determined by the substrate geometry, which regulates the cell attachment,

and the capability of the nucleus to deform within the cell. In vitro experiments

performed using microcontact printing to constrain cells into predefined shapes

have shown that cell survival is not determined by the total amount of available

cell ligand, but rather its spatial distribution (Chen et al., 1997). The important

condition to be satisfied is the possibility of the cell to spread over a large area

on the substrate. In contrast, a small adhesion area leads the cell to apoptosis

even when many ligands are available. More recently, it has also been shown that

stem-cell differentiation depends on cell shape (Kilian et al., 2010). The formation

of a large amount of stress fibers in spread cells relates to a high tensional state
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in the cell. The maintenance of a high tensional state has been demonstrated

to influence cell survival and differentiation (Cai et al., 1998, McBeath et al.,

2004, Nelson et al., 2004, Müller et al., 2013). The possibility of achieving such a

tensional state by adhering and spreading following the topology of the substrate

surface and forming organized stress fibers can be considered as the underlying

physical and mechanical mechanism for cell contact guidance both over 2D and

3D substrates.
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5.1 Abstract

The extracellular matrix that develops in engineered tissues is strongly influenced

by the presence of a (fibrous) scaffold via the contact guidance mechanism. After

degradation of the scaffold, however, remodeling of the tissue is frequently observed

in response to external mechanical stimuli, internal cell mediated stresses, or

combinations thereof. Here we explore effect of the cell traction on the collagen

remodeling using a discrete representation of the collagen network. We compare

this to a recently developed continuum model, and then we use the model

to investigate the effect of tissue anisotropy and fiber interconnection on the

compaction of tissue engineered strips. A good agreement is found between the

discrete and continuum model. In addition, in our current model a pronounced

tissue anisotropy does not influence the amount of tissue compaction, as instead

fiber interconnection does. These results offer a first validation of the continuum

model and indicate the possibility of modeling tissue compaction on a fine scale.

Despite the continuum model, on a smaller scale a more realistic representation of

the fiber network, comprehensive of the interaction of fibers oriented in different

directions can be achieved.

5.2 Introduction

Living engineered tissues have the ability to remodel in response to mechanical

stimuli. In particular the fibrous collagen network, which is the main load-bearing

component of the extra-cellular matrix is susceptible to cell mediated remodeling.

Cells not only synthesize the collagen and secrete collagen-degrading enzymes

(Huang and Yannas, 1977, Canty et al., 2004, Bhole et al., 2009), but may also

apply tension to the collagen fibers. In particular after degradation of the scaffold,

cell tension driven remodeling of the collagen network may occur (Foolen et al.,

2012). Prior to degradation of the scaffold, contact guidance may overrule any

load induced remodeling of the collagen network (de Jonge, 2013, Chapter 3).

Cells respond to changes in mechanical stress by upregulating α-SMA

(Rabkin-Aikawa et al., 2004), leading to a reorganization of the cytoskeletal

structure with assembly of actomyosin units forming the stress fibers. When

3D tissue constructs are statically constrained in one direction only, cell tension
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and cell alignment develops in this constrained direction and tissue compaction

is observed in the orthogonal directions. In cyclically strained tissue constructs,

cell orientation and tension depend on the boundary conditions applied to the

construct (Wang and Grood, 2000, Foolen et al., 2012). If the tissue constructs

are bi-axially constrained and cyclically strained in one direction, cells align in the

direction perpendicular to the cyclic strain direction. If, on the other hand, the

tissue is constrained uniaxially only, cells align in the direction of the cyclic strain

direction (Foolen et al., 2012).

Understanding cell alignment and cell tension in response to mechanical stimuli is

crucial because cells tend to preferentially secrete collagen in the direction of the

main axis of the cells (Wang et al., 2003c, Canty et al., 2004, Gealy et al., 2009),

while collagen degradation depends on the strain (stress) in the collagen fiber

(Huang and Yannas, 1977, Ruberti and Hallab, 2005, Bhole et al., 2009, Wyatt

et al., 2009).

Several models have been developed recently to describe and understand tissue

remodeling. Usually it is assumed that collagen fibers align prefentially along or

in between the principal stress or principal strain direction (Driessen et al., 2004,

Baek et al., 2006, Hariton et al., 2007, Kuhl and Holzapfel, 2007, Driessen et al.,

2008). These models successfully predict the helical collagen orientation in the

arterial wall, and the pronounced circumferential collagen orientation in the valve

leaflet. However, these models do not account for the cell-mediated compaction.

Recently, Loerakker et al. (2014) developed a physically motivated model

for tissue remodeling, combining the strain dependent collagen degradation

algorithm developed by Heck (2013), with the actin stress fiber model developed

by Obbink-Huizer et al. (2013). The model accounts for irreversible tissue

compaction, by accounting for inverse growth (permanent shortening) of the

collagen fibers. For this purpose, the model assumes that the cell stress is in

equilibrium with the stress in the collagen fibers.

The model developed by Loerakker et al. (2014) represents the tissue as a

continuum mixture of cells, collagen fibers, and isotropic matrix components.

In the present study, this model is adapted and applied to a discrete model

developed previously (Argento et al., 2012). The collagen fibers are described

by one-dimensional elements and the contribution of the active cell stress and the

passive matrix components are separated. The key microstructural features of
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a collagen network (fiber diameter, fiber orientation, fiber interconnection, fiber

tissue porosity) can be represented. The collagen network is initially assumed

to develop primarily in the direction of a fibrous scaffold (de Jonge, 2013). The

architecture that the collagen has when the scaffold is completely degraded is

considered to be the ”initial” network for the cell-mediated tissue compaction. As

the ”initial” collagen configuration is function of the architecture of the electrospun

scaffold, this kind of framework is suitable to evaluate the effect of the structural

features of the initial collagen network and of the scaffold on the cell-mediated

tissue compaction.

The predictions of the discrete model developed in this work are compared to

the results of the continuum theory of Loerakker et al. (2014). We investigate

the impact of the fiber interconnection density, and the initial collagen fiber

distribution. In addition, the effect of the size of a tissue engineered strip, of the

fiber interconnections and of the initial collagen fiber distribution is evaluated.

5.3 Materials and methods

5.3.1 Mechanics of tissue components

The computational model developed by Loerakker et al. (2014) was adapted to the

discrete micro-scale tissue model developed by Argento et al. (2012) to simulate

collagen remodeling. The discrete finite element tissue model is composed of a

planar network of one-dimensional truss elements, representing collagen fibers.

The key structural features of the fibrous network (fiber diameter, orientation,

volume fraction, interconnection, material) can be adjusted in the model. This

network is embedded in a three-dimensional continuum matrix, representing the

proteoglycan gelatinous component of the matrix, and the cell passive component

(Fig. 5.1).

5.3.1.1 Actin stress fibers

The computational model developed by Obbink-Huizer et al. (2013) was applied to

the discrete model to describe the formation of stress fibers in the cell cytoplasm,

in response to external mechanical stimuli. In the discrete model it is assumed
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Figure 5.1: Schematic of the computational model developed by Argento et al.
(2012). The one-dimensional fiber network is depicted in black color, while the

continuum matrix is depicted in white color

that the stress fibers align with the collagen fibers. Briefly, a constant amount

of actin monomer (φtot) is present in the cell, partly as free monomer (φm) and

partly as stress fibers (φp).

φtot = φm + φp (5.1)

The cells apply forces to their environment through their stress fibers and

associated integrins. The stress exerted by the stress fibers in the direction θ

is defined as a function of the strain ε and the strain rate ε̇

σpθ = σmaxf(ε)g(ε̇) (5.2)

with

f(ε) = f(ε)a + f(ε)p (5.3)

f(ε)a = exp
−(

εθ
ε0

)2
(5.4)
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f(ε)p =

0 if εθ < 0

( εθ
ε1

)2 if εθ ≥ 0
(5.5)

where the subscript a indicates the active cell contraction, and p the passive strain

hardening, and

g(ε̇) =
1

1 + 2√
5

(
1 +

kvε̇θ + 2√
(kvε̇θ + 2)2 + 1

)
(5.6)

where kv describes how quickly contraction reduces as the rate of shortening

increases.

The stress fiber volume fraction varies proportionally to the fiber stress

dΦp
θ

dt
= (kf0 + kf1σmaxfε,agε̇)Φ

m − kdΦp
θ (5.7)

ruled by the kf1 , kf2 and kd constants.

5.3.1.2 Collagen fibers

The collagen fiber distribution is defined by a periodic function (Gasser et al.,

2006, Driessen et al., 2008)

φθcf = A exp
[

cos(2(γθ−α))+1
β

]
(5.8)

where the fiber volume fraction φf in each direction θ is defined by the the main

fiber orientation α, the standard deviation β, and the scaling parameter A. As

described by Argento et al. (2012) a sampling procedure of the volume fraction

function is used to generate a discrete fiber network (Fig. 5.1). The fibers were

spaced at intervals of 5◦ between 0 and 360◦.



Chapter 5 91

The irreversible collagen shortening caused by the tension the cells exert on the

collagen fibers is modeled by the introduction of an inverse growth. To do this, the

stretch associated with the collagen fibers λ is split into an elastic and a growth

component

λ = λeλg. (5.9)

The collagen fiber stress is defined by an exponential function of the elastic collagen

stretch

σcf =

k1λ
2
e

(
ek2(λ

2
e−1) − 1

)
, λe > 0

k1k2
k3

(
ek2(λ

2
e−1) − 1

)
, λe ≤ 0

(5.10)

where k3 >> k1k2 defines a small compressive stress, useful to prevent convergence

issues due to function discontinuities.

5.3.1.3 Isotropic extracellular matrix component

The isotropic part of the extracellular matrix and the passive cell contribution,

are lumped and described as a compressible Neo-Hookean material

σNH = φmc[κ
ln(J)

J
I +

G

J
(FF T − J2/3I)] (5.11)

where J = det(F ) is the Jacobian matrix, G is the shear modulus and κ is the

compression modulus. φmc = 1 −
N∑
i=1

φicf − φa is the matrix volume fraction,

calculated as difference of the total volume fraction, and the total volume fraction

assigned to the N collagen fibers and actin fibers.
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5.3.2 Cell-mediated compaction

Tissue compaction is caused by the contractile stress (σcf ) that cells apply to the

collagen fibers. Collagen fibers are assumed to be in equilibrium with the cell

stress

σcf,p = σsf (5.12)

From this stress, the preferential λe,p is calculated using Eq. (5.10). Next, the

preferential collagen stretch λg,p (which is ≤ 1) can be calculated using Eq. (5.9),

and used to update the growth component of the collagen stretch according to

dλg
dt

=
1

τλ
(λg,p − λg) (5.13)

where τλ is a time constant.

5.3.3 Collagen remodeling

The volume fraction of each collagen fiber depends on the production and

degradation of collagen

dϕcf
dt

=
dϕcf,prod

dt
+
dϕcf,degr

dt
(5.14)

The degradation law is based on the work of Wyatt et al. (2009)

dϕcf,degr
dt

= Dmin +
Dmax −Dmin

1 + 10200(εte−εtrans)
ϕcf
τϕ

(5.15)

where εtrans is the transition strain and τϕ is the remodeling time constant. The

transition strain is chosen such that collagen degradation becomes minimal when
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the collagen fiber stress equals the maximum stress fiber stress. The collagen

production in a certain direction is assumed to be proportional to the amount of

stress fibers that the cell develops in that direction (Wang et al., 2003c, Canty

et al., 2004, Gealy et al., 2009)

dϕcf,prod
dt

=
ϕsf
N∑

ı=1

ϕisf

N∑
i=1

dϕcf,degr
dt

(5.16)

where N is the number of collagen fibers.

5.3.4 Numerical implementation

In the discrete model, the mechanical behavior of the collagen fibers and cells is

assigned to the one-dimensional truss elements. At the i − th integration point

the variation of the collagen fiber volume fraction is described by the change in

cross-sectional area Across,cf of the fiber, according to

Aicross,cf =
ϕicfV

Li
(5.17)

where V is the volume of the discrete model, and Li is the length of the truss to

which the i−th integration point belongs. The variation of the fiber cross sectional

area is taken into account in the calculation of the fiber stress, as described in Eq.

(5.10).

The isotropic Neo-Hookean material behavior described in Section 5.3.1.3 is

assigned to the three-dimensional continuum material where the fibers are

embedded.

5.3.5 Model parameters

The parameters used in the model are reported in Table 5.1. The parameters that

refer to stress fibers were used as in Obbink-Huizer et al. (2013). The parameters
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Table 5.1: Parameters used in the simulations.

Model component Parameter Value Reference

Stress fibers σmax 2.05 Pa Obbink-Huizer et al. (2013)
ε0 1.2−1 Obbink-Huizer et al. (2013)
ε1 1.7−1 Obbink-Huizer et al. (2013)
kv 5.0 s Obbink-Huizer et al. (2013)

kf0 1.5−9 s−1 Obbink-Huizer et al. (2013)

kf1 7.0−10 s−1Pa−1 Obbink-Huizer et al. (2013)
kd 1.0−6 s−1 Obbink-Huizer et al. (2013)

Φtot 5.0−2 Obbink-Huizer et al. (2013)

Collagen fibers σcf 0.5 [-] Driessen et al. (2007)
k1 1689kPa Driessen et al. (2007)
k2 1.93 [-] Driessen et al. (2007)
k3 100MPa Loerakker et al. (2014)

Isotropic component ϕmc 0.45 [-] Loerakker et al. (2014)
E 10kPa Driessen et al. (2007)
ν 0.3 [-] Driessen et al. (2007)
G E

2(1+ν)
Loerakker et al. (2014)

κ E
3(1−2ν)

Loerakker et al. (2014)

Remodeling τλ 500 s Loerakker et al. (2014)
τϕ 1000 s Loerakker et al. (2014)
Dmin 0.5 [-] Heck (2013)
Dmax 1 [-] Heck (2013)
εtrans 0.017 [-] Loerakker et al. (2014)
εe,p,max 0.028 [-] Loerakker et al. (2014)

that refer to collagen fibers were used as in Driessen et al. (2007). The parameters

that refer to the collagen turnover were used as in Loerakker et al. (2014).

5.3.6 Simulations

The collagen network described by a distribution of truss elements and embedded

in a three-dimensional continuum matrix is a planar network positioned in the

xy-plane.

To validate the discrete model against the continuum model by Loerakker et al.

(2014) a square sample of dimensions 1 mm × 1 mm × 0.01 mm was modeled,
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and left free to compact at the boundaries (Fig. 5.2). A small amount of fiber

interconnections was used (30%).

The difference between an isotropic fiber distribution (α = 0, β = 1000) and an

anisotropic distribution (α = 0, β = 0.2) was investigated using strips of 1 mm

× 0.5 mm × 0.01 mm constrained at the to ends in the x - and the y- direction

(Fig. 5.2).

When using the strip geometry, the discrete fiber networks are considered to be

fully interconnected, and at each intersection between two fibers of the network a

node is defined (100% fiber interconnection).

To investigate the effect of the fiber crosslinks a strip of dimensions 1 mm × 0.5

mm × 0.01 mm with a 30% fiber interconnection was simulated.

All the described models are summarized in Fig. 5.2.

In all the simulations performed on strip geometries with the discrete model the

displacement of the top and the bottom boundary nodes of the strip is fit to a

parabolic function to evaluate the compaction in the middle of the sample. The

collagen fiber volume fractions were fit to a Gaussian function.

In the continuum model the final collagen fiber orientation after remodeling was

quantified by an order parameter Ocf . This parameters has value +1 when the

fibers are aligned in the x direction, -1 when the fibers are aligned in the y direction,

and 0 when the fibers are isotropically distributed

Ocf =

∫ π
2

−π
2

ϕcf (γ)

φcf
cos (2γ) dγ (5.18)

where γ is the angle that the collagen fiber forms with the x direction.

5.4 Results

After tissue remodeling of the square tissue both the continuum and the discrete

model reveal a compaction of 24% in the x and in the y direction, and an isotropic
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Figure 5.2: Geometries used in the simulations. The “spider diagram”
represents the initial distribution of collagen fibers used for each simulation.
a) Schematic of the squared model with boundary conditions used to validate
the discrete model, b) schematic of a strip with initially isotropic collagen
distribution and fully interconnected collagen network, c) schematic of a strip
with initially isotropic collagen distribution and low percentage of crosslinks ,

d) schematic of a strip with initially anisotropic collagen distribution.

fiber distribution. The collagen distribution predicted by the discrete model is in

agreement with the one predicted by the continuum model (Fig. 5.3).

For the the strip geometries with fully interconnected fiber network (100%

interconnected nodes) the compaction in the middle of the strip varies between

38% and 40%, against 34% compaction evaluated by the continuum model. In all

the discrete models the collagen fiber distribution is Gaussian. When remodeling

occurs, the fibers in the direction of the applied strain, are protected from

degradation, and degrade almost completely in the direction perpendicular to

it. This effect determines, both in the continuum and in the discrete model a

collagen distribution that is mainly oriented in the direction of the constraint

(Fig. 5.4). The parameters α and β that characterize the fitted Gaussian fiber

distributions for all the simulations, compared to the fiber distribution predicted

by the continuum model are reported in Table 5.2.
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Figure 5.3: a) Order parameter of the collagen distribution in a continuum
square geometry, b) collagen volume fraction distribution in a discrete square.
Below comparison of the normalized collagen volume fractions after remodeling.

The strips with isotropic (b) and anisotropic (d) initial collagen distribution,

characterized by the same dimensions, show a compaction of 38% and 39% in

the middle of the strip, respectively (Table 5.2). However, the strip with initially

anisotropic collagen distribution compacts faster than the strip with isotropic

collagen distribution.

The strips b and c, characterized by the same dimensions but different amount of

fiber interconnections, show a compaction of 38% and 43% in the middle of the

strip, respectively (Table 5.2).

5.5 Discussion

A discrete micro-scale model of cell-tension mediated collagen remodeling has been

developed based on the continuum theory of Loerakker et al. (2014). We modeled

tissue synthesis and degradation on a single collagen fiber. First, the ability of
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Figure 5.4: a) Order parameter of the collagen distribution in a continuum
strip. b) collagen volume fraction distribution in a discrete strip, the red curves
indicate the parabolic fit used to evaluate tissue compaction, c) normalized
collagen volume fraction distribution in the center and at the boundary of the
continuum model, d) normalized collagen volume fraction distribution overall

the discrete strip.

Table 5.2: Parameters of the collagen distributions of the different models.
For each discrete model, initial and final parameters α and β of the Gaussian
distributions that fits the collagen volume fraction distribution and the
compaction (C) at the free boundary are reported. For the continuum models
the parameters α and β in the middle of the strip and the compaction (C) at

the free boundary are reported.

Initial distribution Discrete Continuum
id Crosslinks α β α β C α β C
a 30% 0 1e+4 0 1e+4 0.24 0 1e+4 0.24
b 100% 0 1e+4 0 1.2 0.38 0 0.5 0.34
c 30% 0 1e+4 0 1.7 0 .43 - - -
d 100% 0 0.2 0 1 0.39 - - -
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the discrete model to describe tissue compaction and collagen distribution was

tested on a squared geometry. The results of the discrete model resemble well

the results obtained with the continuum model. Next, the discrete model was

applied to uniaxially constrained strips to evaluate the effect of the initial collagen

distribution and fiber interconnection. The initial collagen distribution does not

influence tissue compaction, and an increased interconnection of the fiber network

decreases the compaction of the tissue.

Although continuum-level models (Barocas and Tranquillo, 1997, Obbink-Huizer

et al., 2013, Loerakker et al., 2014) are important for understanding the

interactions between the cells and the surrounding matrix, they do not provide

insight into the contribution of detailed structural features such as fiber

interconnectivity and fiber dimensions. The discrete distribution of the collagen

fibers is described as a macro-scale network describing the collagen distribution in

small-scale tissues (Legant et al., 2009, Foolen et al., 2012). Therefore, the collagen

fiber distribution in the discrete model cannot be evaluated on a very local level

(i.e. at the center and at the boundary of the sample), but only globally over the

small-scale tissue. This explains the different collagen fiber distributions observed

for the continuum and the discrete model in Figure 5.4 c and d: in the continuum

model the distributions are local in the center and the boundary of the sample,

while in the discrete model the distribution is evaluated over the whole tissue.

The discrete model and the continuum model predict the same amount of tissue

compaction when a squared geometry is used, and the boundary conditions do

not affect the calculations. Using the uniaxially constrained strip, the continuum

model predicts a compaction at the center of 34%, while the discrete model (with

30% fiber interconnection) predicts a compactions of 43%. Therefore the boundary

conditions affect the continuum model more than they do in the discrete model.

When using a strip with an increased length/width aspect ratio (up to aspect

ratio = 3.6), Loerakker et al. (2014) did find a compaction of 43%. The discrete

model can reproduce collagen distribution patterns that are consistent with those

described by the continuum model. Experimental validation would be necessary

to assess the actual boundary effect in small-sized tissues.

The predicted alignment of the fibers in the constrained direction is in

agreement with previous experimental studies on tissue strips or engineered valves

circumferentially constrained (Neidert and Tranquillo, 2006, Rubbens et al., 2009a,

Foolen et al., 2012).
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Furthermore, the effect of the collagen architecture, and in particular collagen

orientation, was investigated. Surprisingly, an initially anisotropic collagen

network (β = 0.2) induces the same compaction that is induced by an initially

isotropic collagen network (β = 1000). This is probably due to the fact that

in both cases the cells still develop some of their traction forces in the direction

perpendicular to the constrained direction.

Furthermore, in the presented model, the cell stress influences the collagen

orientation, but the capability of the collagen fibers to guide cell orientation

(contact guidance of the collagen over cells) (Foolen et al., 2012) is not accounted

for. A deeper investigation of this phenomenon and its inclusion in the model

might provide a more realistic representation of the effect of the initial collagen

orientation.

The lower compaction observed in strips with a small amount of fiber

interconnections in the discrete model (30%, as in strip c) than in those with a high

degree of fiber interconnection (100%, as in strip b) indicates that the interaction

of the fibers in different directions might play a role in the tissue compaction, and

should be taken into account in the evaluation of the tissue remodeling behavior.

The interaction between different fiber orientations is a local phenomenon that can

be captured by the discrete fiber model. In the continuum model no interaction

between fibers can be described, and each direction is assumed to be independent

from the others.

Consistent with the continuum model (Loerakker et al., 2014), it is assumed that

the total amount of collagen degraded equals the total amount of collagen that is

synthesized. A combination of the remodeling algorithm described in this work

and of the algorithm for collagen growth described in Chapter 3 might enable a

deeper investigation of the dynamics of collagen remodeling.
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The potential of the described approach to couple the microstructure of the scaffold

and the construct to their macroscopic mechanical behavior will be evaluated.

Lastly, an overview of the questions opened by this work and possible strategies

to address them will be discussed.

6.1 Problem statement and main findings

The successful development of an in situ engineered tissue from porous fibrous

scaffolds would constitute a breakthrough in heart valve tissue engineering.

While the traditional tissue engineering approach requires an expensive and time

consuming tissue culture, the in situ approach would provide an off-the-shelf

scaffold product, attractive for clinical use. However, for safe and long-term use,

the off-the-shelf scaffold and the evolving tissue within should be mechanically

functional. Hence, it must be ensured that:

• the heart valve scaffold is hemodynamically functional;

• the construct remains functional during in vivo tissue development;

• the in vivo synthesized extracellular matrix is able to sustain the

hemodynamic loads and can maintain hemodynamic function also after

scaffold degradation.

During in situ tissue engineering the load bearing capacity of the valve is gradually

transferred from the scaffold to the de novo synthesized extracellular matrix. The

initial organization of the extracellular matrix is largely affected by the scaffold

architecture. Once the scaffold has degraded the extracellular matrix remodels in

response to hemodynamic loads and cell-mediated tension in the valve, possibly

resulting in an altered matrix organization. Computational models are useful tools

to understand the relationship between microstructural parameters of the scaffold,

the extracellular matrix and the macroscopic mechanical behavior of the evolving

heart valve replacement.

In the current thesis the mechanical challenges of in situ tissue engineering have

been addressed. The results can be summarized as follows:
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• Fibrous scaffold alignment significantly influences macroscopic scaffold

mechanics and hemodynamic function of the heart valve replacement.

To evaluate the mechanical performance of electrospun scaffolds for

tissue engineering we developed a multi-scale model of the scaffold

that incorporates the key design parameters of the scaffold (fiber

diameter, orientation, material and interconnections) (Chapter 2).

The macromechanical properties of electrospun scaffolds with varying

microstructures were studied with this model. Among all the design

parameters, the variation of fiber orientation had the largest influence on the

ultimate scaffold mechanics. In particular, we found that in engineered heart

valve leaflets a significant degree of fiber alignment in the circumferential

direction is needed to assure leaflet coaptation and strain distributions

comparable to native valves during diastole.

• A computational model can predict tissue macroscopic mechanical behavior

from scaffold structural properties and collagen remodeling mechanisms.

A model of tissue turnover in the presence of a scaffold was developed

(Chapter 3). Prior to degradation of the scaffold, sufficient extracellular

matrix, and in particular collagen, needs to be synthesized to carry the

hemodynamic loads during and after degradation of the scaffold. In

the presence of a microfibrous scaffold, contact guidance is a powerful

mechanism responsible for the alignment of the synthesized collagen along

the scaffold fibers. It was previously shown that contact guidance even

dominates over strain-induced collagen alignment mechanisms (de Jonge,

2013). A combination of contact guidance and strain-induced synthesis and

degradation was shown to predict experimentally observed tissue mechanics

(Chapter 3). The model successfully captured the transformation of the

typical nearly linear stress-strain behavior of the scaffold into an exponential

stress-strain curve representative of neo-tissue.

• Cell shape relates to the formation of stress fibers in the cell cytoplasm.

To further understand contact guidance, a recently developed model that

describes actin stress fiber remodeling was used to analyze actin orientation

in cells in relation to the cell geometry on microfibers. Cells elongated along

the fiber direction polymerize more oriented bundles of stress fibers and

develop a higher tension state than cells having their main axis perpendicular

to the fiber. In addition, the shape assumed by a cell on a scaffold
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fiber (elongated in the fiber direction or tightly wrapped around the fiber)

influences the direction of the polymerized stress fibers.

• Cell tension mediates collagen remodeling after scaffold degradation. The

cell-mediated collagen remodeling after scaffold degradation was investigated

using a discrete microstructural model. A previously developed model for

collagen remodeling (Loerakker et al., 2014) was adapted for application at

the micro-scale (Chapter 5). According to this model, the stress developed by

the cells is responsible for tissue compaction. It was shown that the discrete

model is able to reproduce the compaction described in tissue engineered

strips by a continuum model. The predicted remodeled collagen architecture

caused by cell tension, described as the result of synthesis and degradation

of the collagen fibers, reproduce the collagen distribution described by the

continuum framework. Tissue compaction is not influenced by the initial

collagen network while it is affected by the amount of fiber interconnections.

6.2 Tools for scaffold design: discussion and

limitations

The micro-scale model developed in this thesis describes scaffold networks and

collagen networks as composed of one-dimensional interconnected elements, where

each element represents one single fiber. This approach offers the possibility of

controlling and varying the topological features of the network, and therefore

represent a large variety of different structures.

A similar approach has been adopted by Stylianopoulos and Barocas (2007).

In their approach, the network is composed of segments growing in opposite

directions from nucleation sites that are generated randomly inside a cubic

volume. In contrast, the approach presented in this thesis builds the network

from a fiber distribution function. The parameters of the fiber distribution

are derived from SEM images. However, the SEM images are characterized

in terms of main fiber orientation and standard deviation, whereas the model

represents a family of networks with those properties, and not one specific

network. Stylianopoulos and Barocas (2007) adopt a volume-average technique,

that requires a finite element model at the macro-scale and the construction of a

RVE at the micro-scale around each Gauss point. Our approach, on the other end,
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defines a micro-scale finite element problem coupled to a closed-form constitutive

model at the macro-scale. This approach is computationally less expensive than

the volume-average approach.

As observed also by Stylianopoulos et al. (2008), a microscopic discrete model

is suitable to describe and evaluate the mechanical properties of a fiber network

with different structural properties that can be controlled by electrospinning: fiber

diameter, orientation, volume fraction, interconnections, material. Moreover, in a

micro-scale approach the tissue growth, degradation and remodeling are evaluated

on a single-fiber level. The description of these phenomena on a very local scale

enables the description of interaction between different fibers (e.g. growth of

collagen fibers along the scaffold fibers due to contact guidance). These parameters

can only partially be included in continuum models (Driessen et al., 2005b, 2004,

Holzapfel et al., 2000).

Despite these benefits, the computational tools described in this thesis show a

number of limitations, and there is room for improvement.

To account for contact guidance, the collagen was assumed to align in the direction

of the scaffold fibers a priori (Chapter 3). Although the predicted collagen

fiber architecture and mechanical behavior agree with experimental observations

(de Jonge, 2013), a more mechanistic explanation is needed. Experimental studies

conducted by Canty et al. (2006) demonstrate that the cell cytoskeleton is involved

in the collagen co-alignment with the cell main direction, which in presence of a

scaffold coincide with the fibers’ orientation (Fioretta et al., 2013). Furthermore,

previous studies have demonstrated the influence of biochemical factors, such

as specific growth factors (Laato et al., 1987, Frazier et al., 1996) to enhance

or inhibit collagen synthesis. Currently, the biochemical phenomena that rule

collagen production are not included in the computational model. Nevertheless,

a combination of the mechanical aspects together with the mechanosensitive

processes that guide collagen synthesis might be desirable, as they would provide

a better insight in the mechanisms of tissue development than purely mechanical

models do.

The discrete scaffold and tissue model described in the thesis is a 2D model. In

reality, however, the electrospun scaffold is a 3D layered structure. The use of a

2D model limits the possibility of modeling the thickness effect in relatively thick

scaffolds. However, the micro-scale model presented in this thesis can be converted



Chapter 6 106

in layered 3D structures. In a multi-layer model, the properties of the fiber

network can be defined independently in each layer and intersections between the

fibers in the different layers can be defined in the space between the layers (Ippel

et al., 2012). Layered scaffolds with structural properties varying throughout their

thickness might be suitable to mimic the layered architectures of native tissues

(Wang et al., 2013, Soo Kim et al., 2014). Bi-layered electrospun tubes with

variable orientation per layer have been designed as blood vessel replacement to

mimic the media and adventitia layers of the vessel (Kim, 2008, Vaz et al., 2005).

Furthermore, the use of multiple layers with different porosity and fiber diameter

might be used as a strategy to induce good cell infiltration on one side with high

porosities while providing strength to the construct with denser and thicker fibers

on the other side (Knight et al., 2013). A 3D layered microstructural model would

allow the description of all these different microstructures and a good control of

the mechanical properties of these substitutes.

Biaxial mechanical tests have been used in Chapter 2 and Chapter 3 as a validation

tool to evaluate the mechanical properties of electrospun meshes. However, taken

alone, biaxial mechanical tests are not sufficient to assess the functionality of a

scaffold as tissue substitute. An overall characterization of scaffolds subjected to

an in vivo-like cyclic load requires fatigue testing (Shimko and Nauman, 2007) in

order to understand whether the structure can withstand the physiological cyclic

load. The strain examined in this thesis did not exceed 30%, while physiological

strains may reach up to 60% in a heart valve in aortic position (Driessen et al.,

2005b).

The biaxial tests performed in this thesis use incrementally increasing strain levels,

from 10% up to to 40% (Chapter 3). When strain is increased, the stress-strain

curve at the new strain amplitude shows a hysteresis behavior. In addition,

the stress-strain curves are shifted because of micro-damage that develops in the

extracellular matrix (Fig. 6.1 right). This behavior is not observed in the biaxial

testing of bare electrospun scaffolds (Fig. 6.1 left). The mechanical behavior shown

by engineered tissues is most likely due to a disruption of fiber crosslinks when

a certain strain amplitude is applied, thereby softening the material mechanical

behavior. For rubber-like materials this effect has been labeled as the Mullins

effect (Mullins, 1948). This micro-damage that induces softening of the tissues

has not been described in this thesis. The Mullins effect might be included in

our micro-scale model by defining criteria that induce disruption of the fiber
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interconnections. This would allow a more comprehensive representation of the

microstructural phenomena occurring in the scaffold with applied strain and of

the macromechanical material behavior.

Figure 6.1: Cauchy stress-stretch curves of a biaxial mechanical test performed
on isotropic PCL bisurea scaffold and a tissue engineered tissue cultured on an
isotropic electrospun scaffold in static conditions for two weeks. In turn, 10%,
20%, 30% and 40% uniaxial and biaxial cyclic strain are applied. At each strain

amplitude, the construct is cyclically strained for five times.

6.3 Future perspectives

The theory and the computational tools developed in this thesis can be used to

optimize the mechanical design of scaffolds for in situ tissue engineering. The

main design indication highlighted by this study is a pronounced anisotropy of

the scaffold as a means to achieve higher radial stretches in engineered valve

leaflets, a better leaflet coaptation and a more native-like collagen distribution.

This represents an important step forward toward functional engineered heart

valves, as it might help in reducing leaflet retraction and valve regurgitation in

vivo (Mol, 2005).

It has been suggested that, compared to microfibrous scaffold, nanofibrous

scaffolds can better resemble the natural cell environment created by the ECM (Li

et al., 2008, Stankus et al., 2008). However, in the conventional electrospinning

technique the use of nano-diamter fibers relates to very small pore sizes. Therefore,

new techniques like low temperature electrospinning or scaffolds with sacrificial

fibers have been proposed to enhance cell infiltration that otherwise would be
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limited (Simonet et al., 2007, Guimarães et al., 2010). Despite an improved cell

infiltration and proliferation, the use of nanofibers or bigger pore sizes results

in reduced mechanical stiffness and resilience of the scaffold. By varying the

fiber diameter, the described computational model might be used to explore the

mechanical properties of nanofibrous scaffold.

Moreover, the presence of crosslinks in the proposed computational model allows

for the possibility of modeling ruptures of the fiber interconnections (Beex et al.,

2014). This might help in understanding softnening mechanisms and non-linear

mechanical behavior observed in the engineered tissues.

The impact of scaffold degradation on the mechanical properties of the construct

was neglected in our models (Chapter 5). An extension of the developed

computational framework with scaffold fiber content decreasing with time, might

provide a tool for the design of a scaffold with an optimal degradation rate.

Although a homogenization procedure is used to extract macroscopic data from

the micro-scale analysis, there is no feedback between the micro-scale and the

macro-scale as required in a true multi-scale computational analysis Smit et al.

(1998), Breuls et al. (2002). Such analysis requires that changes in the micro-scale

properties directly influence the macro-scale behavior and vice versa. The

disadvantage of the use of coupled micro-macro computational homogenization

strategies (Kouznetsova, 2002, Stylianopoulos and Barocas, 2007), is of course a

significantly larger computation time compared to the solution time required by a

macroscopic problem with closed-form homogenized constitutive equations.

Heart valves are subject to cyclic hemodynamic loads, which have a significant

impact on cell orientation and cell tension and therefore may affect collagen

remodeling (Foolen et al., 2012). The time scales for cells to respond to (changes)

in cyclic deformations is of order hours, while the time scale associated with tissue

remodeling is of the order weeks to months. A direct simulation of the cyclic strains

in a heart valve, cell response and associated remodeling is not feasible. Special

algorithms are required to account for the dynamic strains and the remodeling

consequences.

In conclusion, the present work has achieved the objectives to predict macroscopic

mechanical properties of (electrospun) scaffolds and tissue constructs based on

the micro-scale architecture and mechanical properties. The models developed in



Chapter 6 109

this thesis form the basis for a rational design of scaffolds for the in situ tissue

engineering of cardiovascular tissues.
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Germain, L., 2012. Human fibroblast-derived ecm as a scaffold for vascular

tissue engineering. Biomaterials 33, 9205–9213.



Bibliography 113

Breuls, R.G., Sengers, B.G., Oomens, C.W.J., Bouten, C.V.C., Baaijens, F.P.T.,

2002. Predicting local cell deformations in engineered tissue constructs: a

multilevel finite element approach. Journal of Biomechanical Engineering 124,

198–207.

Brown, R., Prajapati, R., McGrouther, D., Yannas, I., Eastwood, M.,

1998. Tensional homeostasis in dermal fibroblasts: Mechanical responses

to mechanical loading in three-dimensional substrates. Journal of Cellular

Physiology 175, 323–332.

Cai, S., Pestic-Dragovich, L., ODonnell, M.E., Wang, N., Ingber, D., Elson, E.,

De Lanerolle, P., 1998. Regulation of cytoskeletal mechanics and cell growth

by myosin light chain phosphorylation. American Journal of Physiology-Cell

Physiology 275, C1349–C1356.

Canty, E.G., Lu, Y., Meadows, R.S., Shaw, M.K., Holmes, D.F., Kadler, K.E.,

2004. Coalignment of plasma membrane channels and protrusions (fibripositors)

specifies the parallelism of tendon. The Journal of cell biology 165, 553–563.

Canty, E.G., Starborg, T., Lu, Y., Humphries, S.M., Holmes, D.F., Meadows, R.S.,

Huffman, A., O’Toole, E.T., Kadler, K.E., 2006. Actin filaments are required for

fibripositor-mediated collagen fibril alignment in tendon. Journal of Biological

Chemistry 281, 38592–38598.

Chainani, A., Hippensteel, K.J., Kishan, A., Garrigues, N.W., Ruch, D.S., Guilak,

F., Little, D., 2013. Multi-layered electrospun scaffolds for tendon tissue

engineering. Tissue Engineering Part A 19, 2594–2604.
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