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Summary

Rheological properties of the developing blood clot

The main function of blood clot formation is to prevent blood loss after a vascular
injury by transforming fluidic blood into a solid clot. On the other hand, the undesired
formation of a clot can have dramatic consequences. This happens, for instance, near
an atherosclerotic plaque, where a formed blood clot due to plaque rupture may
occlude the vessel. Another possibility is that the blood clot is not strong enough,
tears off and occludes a downstream vessel. This shows that the mechanical properties
of the blood clot are of crucial importance for its functioning.

The mechanical properties of the blood clot are determined to a large extent by its
structural composition but are still not fully understood, let be predictable. Reasons
for this are the many components that are involved and the complex environment in
which the clot forms. Based on experimental work, computational models have been
developed to obtain a better understanding of the rheology of the blood clot. However,
currently no model exists that describes the mechanical properties of the blood clot
during its formation in relation to its structural composition. Furthermore, to our
knowledge no model exists for the nonlinear viscoelastic properties of the blood clot.
Therefore the goal of this thesis is to develop a constitutive model for the developing
blood clot and the nonlinear viscoelastic behavior of the mature clot.

This thesis starts with a focus on fibrin. This is the main structural component of
the blood clot since it forms a fibrous network within the clot and thereby increases
the strength and rigidity of the clot. Chapter 2 describes the development of a
constitutive model for the maturing fibrin network. The model is based on the Kelvin-
Voigt model with a shear modulus and viscosity that are related to the instantaneous
fibrin concentration. This enables a proper description of the mechanical properties
of the fibrin network during its formation, as shown by a comparison with rheological
experiments in which the network maturation is followed in time.

The model is extended in chapter 3 to describe the nonlinear viscoelastic behavior
of the mature fibrin network. The results of large amplitude oscillatory shear (LAOS)
experiments on fully developed networks show three dominating nonlinear features:
softening over multiple deformation cycles, strain stiffening and increasing viscous

xi



xii

dissipation during a cycle. These features are incorporated in the model by making the
modulus and viscosity a function of the current and past deformation. The result is a
constitutive model that describes the time-dependent, nonlinear viscoelastic behavior
of the fibrin network under shear.

A novel, unanticipated approach to influence the properties of fibrin network experi-
mentally is described in chapter 4. Using rheometry, microscopy and turbidimetry,
it is shown that the concentration of the commonly used HEPES buffer influences
the structural properties of the fibrin network. Although the mechanism behind this
phenomenon is not yet fully unraveled, it forms an attractive opportunity to control
the fibrin network using the concentration of the buffering agent.

The extension towards a model for the complete blood clot is made in chapter 5
where the mechanical contribution of platelets and red blood cells, the other two
main components of the blood clot, is studied. The blood clots show similar non-
linear, viscoelastic behavior to fibrin. The constitutive model is extended with two
viscoelastic Maxwell modes to capture this behavior and accurately describes the
rheological behavior of the clots during their formation, and in a LAOS deformation.

One of the applications of the constitutive model aimed for is the simulation of blood
clot formation in a physiological, pulsatile blood flow. A full numerical model and
preliminary results of such simulations are presented in chapter 6. The deformation
of clots with various compositions and geometries in an oscillatory flow is simulated.
The results demonstrate some of the possibilities of the constitutive model to study
blood clot formation.

Chapter 7 provides the main conclusions of this thesis and recommendations for
future research. The constitutive model developed in this thesis is able to describe the
rheological properties of the developing blood clot as shown by the comparison with
rheological experiments. The model is suitable for simulations of blood clot formation,
and its versatility make that it can be extended in many different directions. However,
before such steps are made, a decent experimental validation is essential.



Chapter 1

General introduction

Abstract

Blood clots form to prevent blood loss after a vascular injury but their undesired
formation can have dramatic consequences such as thrombosis and stroke. For a
proper functioning of the blood clot its mechanical properties are of major impor-
tance. However, due to the many contributing components and the complex dynamic
environment in which the clot forms, its mechanical properties remain not fully un-
derstood nor predictable. To further unravel the mechanical properties of blood clots,
this thesis describes the development of a constitutive model for the developing blood
clot, including the required experimental methods to verify the model and its applica-
tion in numerical simulations. This chapter provides an introduction to the physiology
of blood clot formation, related diseases, and models for blood clot formation that
have been described in literature. Finally, the main goal and the outline of this thesis
are given.
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2 Chapter 1

1.1 Hemostasis: Blood clot formation

Blood clot formation is part of the process called hemostasis. The function of hemosta-
sis is to maintain blood fluidic under normal physiological conditions and prevent
excessive blood loss when a blood vessel is damaged. This is obtained by a com-
bination of mechanisms in which platelets, coagulation factors, and the vessel wall
contribute. Blood clot formation is initiated by the damaged vessel wall. In first in-
stance, vasoconstriction takes place, which means that vessels contract, reduce their
radius and thereby minimize blood flow (Guyton and Hall, 2000). Simultaneously,
platelets get activated and form a provisional closure of the injury which is known as
primary hemostasis. This platelet plug is subsequently stabilized by a fibrin network
that forms during secondary hemostasis. Both processes are discussed briefly in this
chapter. More information can be found, amongst others, in Guyton and Hall (2000),
Colman et al. (2005), Michelson (2006), Hiller (2007).

1.1.1 Primary hemostasis: Platelets

Platelets, also known as thrombocytes, are cell fragments with an oval, disc-like shape
and a diameter of 1 to 4 µm that are usually present in an inactivated form at
a concentration of 150.000 - 400.000 platelets per microliter of blood (Guyton and
Hall, 2000, Hiller, 2007). The membrane of the platelet contains glycoproteins that
prevent adherence of the cell to normal endothelium. However, when the endothelium
is damaged collagen is exposed that triggers platelet activation. Using von Willebrand
factor (vWF) as a connector protein, the activated platelets bind to the vessel wall,
change shape by forming protrusions from their membrane and release substances
that activate other platelets (Hiller, 2007, de Groot et al., 2012). This successive
aggregation of platelets leads to the quick formation of a platelet plug that forms a
provisional closure of the wound. The platelet plug is sufficient to close small injuries
of the vessel wall that occur very often during the day, but not for larger openings.
To close such an injury, a more stable blood clot has to form which is obtained by
forming a fibrin network, the main outcome of secondary hemostasis.

1.1.2 Secondary hemostasis: Fibrin

Secondary hemostasis, or blood coagulation, involves more than fifty proteins that
regulate the balance between pro- and anti-coagulant factors. Under normal phys-
iological circumstances, anti-coagulant factors dominate but this changes when the
vessel wall is injured. The damaged tissue releases tissue factor (TF) which initiates
the coagulation cascade. This series of reactions consists of an intrinsic and extrinsic
pathway, that merge into a common pathway that ultimately leads to the formation
of a fibrin network (figure 1.1a). Although it is illustrative to distinguish the extrin-
sic and intrinsic pathway for the in-vitro situation, they are strongly interconnected
in-vivo due to many feedback loops (Hoffman and Monroe, 2005, Hiller, 2007). An-
other difference is that in the in-vivo situation activated platelets are present, that
provide a surface for many of the reactions to take place (Walsh, 2004). Some of the
reactions in the coagulation cascade require calcium to proceed, as shown in figure
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1.1a. This forms an attractive opportunity to prevent clotting in-vitro by removing
calcium using a citrate solution and initiate clotting by recalcification (Glover et al.,
1975).

Thrombin (factor IIa) plays a central role in the kinetics of the coagulation cascade
due to its multiple functions but is also important because it converts fibrinogen
(factor I) into fibrin (factor Ia) in the final step of the coagulation cascade (see figure
1.1a). Fibrin is of major importance for the mechanical properties of the blood clot,
because it stabilizes the platelet plug by forming a fibrous network. The formation of
this network occurs in a sequence of steps.

Fibrinogen is a large protein with a molecular mass of 340 kDa, present in blood
plasma at a concentration of 2-4 mg/ml under normal conditions (Wolberg, 2007).
The molecule is 45 nm long and consists of three pairs of polypeptide chains that
are held together in a central E-domain and extend to two lateral D-domains (figure
1.1b) (Weisel, 2005, Mosesson, 2005, Standeven et al., 2005, Wolberg, 2007, Cilia la
Corte et al., 2011, Weisel and Litvinov, 2013). Thrombin converts fibrinogen into
fibrin by cleaving two pairs of small peptides, fibrinopeptides A and B. These fibrin
monomers connect in a half-staggered way to form a two-stranded structure known
as protofibril. The protofibrils grow to a length of 600-800 nm, or approximately 15
monomers per strand (Weisel, 2005). Once the protofibrils reach a sufficient length,
they can aggregate and eventually form a network of fibers (figure 1.1b).

The multi-layered organization of the fibrin fibers makes that the network can
withstand large deformations and forms the basis for its nonlinear viscoelastic behav-
ior (Liu et al., 2006, Kang et al., 2009, Brown et al., 2009, Piechocka et al., 2010,
Zhmurov et al., 2011). The network of fibrin fibers is stabilized by factor XIIIa that
is activated by thrombin (figure 1.1a). Factor XIIIa cross-links the fibers by creating
covalent bonds between the chains of the fibrin molecules which increases the stiffness
of the fibrin network (Ryan et al., 1999, Lorand, 2005, Kurniawan et al., 2014) and
changes the nonlinear mechanical behavior (Münster et al., 2013).

Besides platelets and fibrin, a third major component in hemostasis are red blood
cells, that help in the formation of a platelet plug by enforcing the platelets to move
towards the vessel wall, known as margination (Kumar and Graham, 2012), and
influence the structural properties of the clot when they become entrapped into it
(Gersh et al., 2009, Silvain et al., 2011).

1.2 Mechanical properties and related diseases

For a proper functioning of the clot, its mechanical properties are important. However,
the many components that influence these properties, the complex environment in
which the clot forms and the multiscale nature of the process have made it still not
possible to fully understand these properties in relation to the structural composition
of the clot (Weisel, 2008, Tran et al., 2013).

The relevance of studying the mechanics of clot formation is illustrated by the fact
that the process is essentially a transition from fluidic blood to a solid clot and there-
fore a mechanical, or more specific a rheological, process by nature. A malfunctioning
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Figure 1.1: The coagulation cascade (a) consists of an intrinsic and extrinsic path-
way that merge into a common pathway. The coagulation factors are designated
using Roman numerals, where an ’a’ indicates that the factor is in its activated form
(Giangrande, 2003). Thrombin (factor IIa) plays a central role. Some of the reactions
require calcium (Ca2+) to proceed. The last reaction of the cascade is the conversion
of fibrinogen to fibrin that takes place in three steps (b). In the first step fibrinogen is
converted to fibrin by cleavage of fibrinopeptides A and B by thrombin. The second
step is the formation of protofibrils by aggregation of fibrin monomers. In the third
step these aggregates form fibers.

clot can have dramatic consequences, such as thrombosis, myocardial infarction and
stroke, in which a clot occludes a blood vessel (Mackman, 2008, Cilia la Corte et al.,
2011, Lippi et al., 2011, Undas and Ariëns, 2011, Bridge et al., 2014), or hemophilia in
which no functional clot forms (Sørenson and Ingerslev, 2004). This makes it a major
cause of death. In fact, worldwide 30%, and in Europe 46%, of deaths is caused by
cardiovascular disease (Nichols et al., 2014), and therefore directly related to blood
clot formation. Moreover, patients suffering from cancer (Francis et al., 1994) and
diabetes (Alzahrani and Ajjan, 2010) often have a malfunctioning blood clotting sys-
tem making the mortality rate even higher. In all these pathologies, the mechanical
properties of the clot play an important role. Examples are the correlations between
clot stiffness and coronary artery disease (Collet et al., 2006) and pulmonary em-
bolism (Martinez et al., 2014). These correlations show the clinical relevance of the
mechanical properties of the blood clot, but it is often unknown if these changes are an
outcome or cause of the disease (Tran et al., 2013). The practical relevance of study-
ing the mechanical properties of blood clots is illustrated by the application of the
thromboelastogram (TEG), essentially a rheometry measurement adapted for clinical
practice, to monitor the status of the blood clotting abilities of a patient (Bolliger
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et al., 2012).
The mechanical properties of blood clots have been studied extensively, using

both experimental and computational modeling techniques. Using rheological mea-
surements, the stiffness of clots with various compositions (Glover et al., 1975, Jen
and McIntire, 1982, Shah and Janmey, 1997, Tynng̊ard et al., 2006) and their individ-
ual components i.e. fibrin (Ferry and Morrison, 1947, Nelb et al., 1976, Ryan et al.,
1999, Brown et al., 2009, Piechocka et al., 2010), platelets (Lam et al., 2011) and
red blood cells (Gersh et al., 2009, Cines et al., 2014) have been studied. Different
deformations have been applied including extension (Brown et al., 2009), compres-
sion (Kim et al., 2014), small and large oscillatory shear (Shah and Janmey, 1997,
Ryan et al., 1999), and differential prestress measurements (Piechocka et al., 2010).
Most of the attention has gone to the fibrin network, because of its complex nonlinear
viscoelastic behavior and the importance of this for blood clot mechanics (Weisel,
2008). Fibrin is a viscoelastic material that stiffens upon an increasing deformation
(Storm et al., 2005, Piechocka et al., 2010, Münster et al., 2013). Besides rheom-
etry, the structural properties of the fibrin network have been studied using many
other experimental techniques, including turbidimetry (Carr Jr. and Hermans, 1978,
Yeromonahos et al., 2010), electron microscopy (Weisel and Nagaswami, 1992), con-
focal microscopy (Chernysh and Weisel, 2008), light scattering (Ferri et al., 2002),
microrheology (Piechocka et al., 2010), X-ray scattering (Brown et al., 2009), neu-
tron scattering (Weigandt et al., 2011) and atomic force microscopy (Zhmurov et al.,
2011). These techniques are especially useful to relate the structural properties of the
fibrin network to its mechanical behavior.

The presence of platelets gives the fibrin network a higher stiffness because the
contracting platelets pull on the fibrin fibers (Jen and McIntire, 1982, Shah and
Janmey, 1997, Lam et al., 2011). The addition of red blood cells interferes with the
fibrin network formation and its interaction with platelets and therefore leads to clots
with a lower stiffness, especially at high hematocrit (Tynng̊ard et al., 2006, Gersh
et al., 2009).

The experimental results have provided valuable insights into the functioning and
interaction of the various components that play a role during blood clot formation,
but for a better understanding the contribution from models is essential.

1.3 Modeling blood clot formation: State of the art

Several aspects of blood clot formation have been modeled before but the multiscale
nature of the process with time- and length-scales that go from nanoseconds at protein
level to hours at clot level make it impossible to model the entire clot formation in
its complete detail. Therefore the common approach is to model one or a few of the
aspects of blood clot formation (Xu et al., 2011, 2012).

The kinetics of the coagulation cascade have been modeled by taking varying
numbers of coagulation proteins into account (Hockin et al., 2002, Ataullakhanov and
Panteleev, 2005, Guria et al., 2009, Sequeira et al., 2011). Platelet aggregation has
been modeled using continuum (Fogelson and Guy, 2008) and discrete approaches
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(Pivkin et al., 2006). Several aspects of the fibrin network formation have been
modeled, such as the polymerization kinetics in continuum (Weisel and Nagaswami,
1992, Guy et al., 2007, Moiseyev et al., 2013) and discrete ways (Boryczko et al.,
2004) and the branching of fibers (Fogelson and Keener, 2010).

Focusing on the mechanical properties, constitutive models have been developed
for the blood clot, or components of it. The majority of these models focuses on
fibrin. Constitutive models have been developed that model the fibrin network as
a viscoelastic (Benkherourou et al., 2000) or poroviscoelastic (Noailly et al., 2008)
material. These models describe the macroscopic behavior of the network without
taking into account any structural properties of the fibers. The relation between the
structure of the network and its mechanical properties has been made by modeling
the fibers of the network as semiflexible (MacKintosh et al., 1995, Storm et al., 2005)
or stiff (Onck et al., 2005). A next step has been made by combining individual fiber
properties with their collective response in a network (Brown et al., 2009, Hudson
et al., 2010, Kim et al., 2011), including their nonlinear mechanical behavior. These
models describe the mechanical properties of the fibrin network in relation to the
structural composition, but only for a mature network. Constitutive models describ-
ing the properties during the formation of the network in relation to its structure are
still missing.

Constitutive models for the whole clot have been developed for the intraluminal
thrombus that develops in abdominal aortic aneurysms (van Dam et al., 2008, Karšaj
and Humphrey, 2009). These clots develop during a period of years and contain be-
sides fibrin, platelets and red blood cells other constituents such as collagen. Therefore
these clots are different than the clots that develop on a timescale of minutes that are
the focus of this thesis. Furthermore, these models do not account for the nonlinear
viscoelastic behavior of the clots.

The time-dependence of the mechanical properties of the clot has been modeled by
combining the kinetics of the coagulation cascade with the fibrin network formation
(Anand et al., 2003, Bodnár and Sequeira, 2008). However, these models describe the
developing clot as a viscous or viscoelastic fluid, which is an unrealistic description of
the solid-like behavior observed in experiments.

Besides providing a deeper understanding, computational models as described
above can be used for numerical simulations of clot formation (Sorensen et al., 1999,
Bodnár and Sequeira, 2008, Storti et al., 2014). However, for an accurate description
the blood flow, the growth and deformation of the clot, and their interaction have to
be modeled, which makes this a major challenge on itself (Xu et al., 2011).

1.4 Goal and outline of the thesis

Despite the many efforts that have been put into modeling clot formation, no model
currently exists that describes the mechanical properties of the blood clot during its
formation. Furthermore, these models do not account for the nonlinear viscoelastic
behavior of the clot. Such a model would be useful to study clot formation in healthy
and diseased conditions, and is a necessary part for realistic numerical simulations
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of blood clot formation and its impact on associated flow phenomena. Therefore the
goal of this thesis is to develop a constitutive model for the developing blood clot and
the nonlinear viscoelastic properties of the mature clot.

Ideally, the mechanical description of the clot is based on its structural composi-
tion. Furthermore, the development of the model should be based on experimental
results in which the viscoelastic properties of the clot are measured in time. Besides
the mechanical properties during its formation, the model should describe the non-
linear viscoelastic behavior of the clots, because these determine to a large extent the
physiological functioning of the clots. Finally, the constitutive model should be suit-
able for numerical simulations of blood clot formation (see e.g. Storti et al. (2014)),
which limits the possible complexity of the model.

To reach the goal stated above, the model development is separated in a number of
steps. The model development is started with a focus on fibrin, because of its pivotal
role in blood clot mechanics. Chapter 2 describes the development of a constitutive
model for the fibrin network during its formation. The nonlinear viscoelastic prop-
erties of the fibrin network are studied experimentally in chapter 3 and the model
is extended to describe this behavior. Chapter 4 explains the approach to use the
buffering agent to alter structural properties of the fibrin network. The extension to
blood clots with platelets and red blood cells is made in chapter 5, that describes
the development of a constitutive model for these clots during their formation and
during large deformations. The step towards application of the model in numerical
simulations is made in chapter 6, where preliminary finite element computations of
a deforming clot are presented. Finally, chapter 7 gives the main conclusions of this
thesis and provides recommendations for future research.
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Chapter 2

A constitutive model for a
maturing fibrin network

Abstract

The main structural component of the blood clot is fibrin, a fibrous network that
forms within the blood clot, thereby increasing its mechanical rigidity. A constitutive
model for the maturing fibrin network is developed that captures the evolving me-
chanical properties. The model describes the fibrin network as a network of fibers that
become thicker in time. Model parameters are related to the structural properties
of the network, being the fiber length, bending stiffness, and mass-length ratio. Re-
sults are compared with rheological experiments in which the network maturation is
followed in time for various loading frequencies and fibrinogen concentrations. Three
parameters are used to capture the mechanical behavior including the mass-length
ratio. This parameter agrees with values determined using turbidimetry experiments
and is subsequently used to derive the number of protofibrils and fiber radius. The
strength of the model is that it describes the mechanical properties of the maturing
fibrin network based on structural quantities. At the same time the model is rela-
tively simple, which makes it suitable for advanced numerical simulations of blood
clot formation during flow in blood vessels.

The contents of this chapter are based on: T.H.S. van Kempen, A.C.B. Bogaerds, G.W.M.
Peters, and F.N. van de Vosse. A constitutive model for a maturing fibrin network. Biophysical
Journal , 107(2):504-513, 2014.

9
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2.1 Introduction

Blood clot formation serves to prevent blood loss in case of a vascular injury and is
hereby crucial to maintain normal physiological conditions. Often a blood clot forms
intravascularly, for instance after rupturing of an atherosclerotic plaque, which can
have serious consequences and may lead to myocardial infarction and stroke (Fran-
chini and Mannucci, 2008, Mackman, 2008). In all these pathologies, the mechanical
properties of the blood clot play an essential role. Therefore, studying the mechanics
of blood clot formation is of major importance to understand the process and helps
in the diagnosis and treatment of related diseases.

Although important for the functioning of the blood clot, its evolving mechanical
properties in relation to the structural composition are still poorly understood (Weisel,
2008). The multiple components and the complex physiological circumstances influ-
ence the structure of the blood clot during its development and therefore its me-
chanical properties. This is already apparent from the fact that blood clots formed
in arteries have a different composition than those that form in veins, where flow
conditions are different (Franchini and Mannucci, 2008). This shows the relevance of
studying the temporal evolution of the mechanical properties of blood clots in rela-
tion to its structural composition. To study these mechanical properties, appropriate
experimental methods are required and the results should be captured by constitutive
laws that describe the mechanical behavior. The constitutive model should capture
the necessary physics and physiology but at the same time has to be suitable to
simulate both normal and pathophysiological conditions.

Computational modeling helps in understanding the mechanics of blood clot for-
mation and its role in physiological circumstances (Wootton and Ku, 1999, Xu et al.,
2012). These simulations are complicated due to the complexity of the flow and
the interaction between fluids and solids (Storti et al., 2014). Nevertheless the model
should take into account the structural composition of the developing blood clot. The
goal of this study is to develop such a constitutive model that describes the evolution
of the mechanical properties of the blood clot based on the structural properties of
its components. Because of its pivotal role in blood clot mechanics, we focus solely
on the fibrin network (Weisel, 2004, Lord, 2007, Weisel, 2008, Janmey et al., 2009,
Cilia la Corte et al., 2011).

The fibrin network is the main structural component of the blood clot and stabi-
lizes the platelet plug that forms upon a vascular injury (Weisel, 2004, Lord, 2007,
Weisel, 2008, Janmey et al., 2009, Cilia la Corte et al., 2011). The formation of the
network occurs in a sequence of steps, starting with the conversion of fibrinogen to fib-
rin, enzymatically catalyzed by thrombin (Lugovskoi et al., 2009, Weisel and Litvinov,
2013). The fibrin monomers subsequently polymerize to form protofibrils. These two-
stranded, half-staggered structures aggregate to form fibers when they have reached
a sufficient length. The protofibrils within a fiber are loosely connected and a fibrin
fiber contains as much as 80% of solvent (Carr Jr. and Hermans, 1978, Yang et al.,
2000, Yeromonahos et al., 2010).

Experiments using a combination of light scattering, microscopy and turbidimetry
have indicated that two phases can be distinguished during the network formation
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(Ferri et al., 2001, Chernysh and Weisel, 2008). In a first phase, the fibers grow
mainly in the longitudinal direction and form branch points leading to a network of
thin fibers. In a second phase the fibers become thicker by the addition of protofibrils
in radial direction, which we refer to as maturation of the network. This simplified
view of the network formation is shown in figure 2.1a. The majority of the change in
mechanical properties takes place in the maturing phase due to the radial growth of
the fibers (Chernysh and Weisel, 2008). Furthermore, this phase lasts longer and is
of more importance for the physiological application of the model which has a typical
timescale of one hour. We therefore focus on the maturing of the fibrin network rather
than its formation.

The formation of the fibrin network is not modeled as such. Rather, the thickening
of the fibers is described from the moment the network is present. More elaborate
models of network formation have been developed before, with various degrees of
complexity. Weisel and Nagaswami (1992) modeled the separate steps during fiber
assembly, while the model of Fogelson and Keener (2010) focuses on the branching of
fibers during the network formation. Riha et al. (1997) used a structure parameter
to describe the formation of the fibrin network while Moiseyev et al. (2013) used a
statistical representation. In this study a first order equation is used to describe the
maturation of the fibrin network. The reason to keep the model as simple as possible
while still capturing the main important phenomena i.e., the timescale of network
maturation, lies in the application; the numerical simulation of blood clot formation
in realistic transient blood flow.

The mechanical properties of fibrin have been studied extensively using experi-
ments (Ferry and Morrison, 1947, Nelb et al., 1976, Ryan et al., 1999, Chernysh and
Weisel, 2008, Piechocka et al., 2010) and models (Storm et al., 2005, Onck et al., 2005,
Brown et al., 2009). These models describe the mature fibrin network, as opposed to
the model presented here that describes the evolution of the mechanical properties.
Fibrin is a viscoelastic material, having both an elastic and viscous response when
deformed (Ferry and Morrison, 1947, Nelb et al., 1976, Ryan et al., 1999, Chernysh
and Weisel, 2008, Piechocka et al., 2010). During the fibrin network formation a
transition from viscoelastic fluid to viscoelastic solid takes place, indicated by the gel
point (Evans et al., 2008). Because the model describes the maturing of an already
existing network, it describes the mechanical properties of the fibrin network after
the gel point.

The maturing fibrin network is described with a Kelvin-Voigt model which is
a rather general description of a viscoelastic material. The model parameters, the
shear modulus and the relaxation time, are related to structural properties of the
fibrin network during its maturation being the fiber length, mass-length ratio and
bending stiffness. This forms the relation between microscopic quantities that relate
to the structure of the network and the macroscopic mechanical properties that are
measured in rheometry experiments. In these experiments fibrin networks are not
formed in whole blood but in a well controlled model fluid containing fibrinogen and
thrombin. By imposing a sufficiently small oscillatory shear deformation during the
network formation, the linear viscoelastic response of the fibrin network is probed.
The response of the network is expressed in terms of the frequency dependent elastic
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Figure 2.1: A simplified representation of the network formation is considered.
(a) The network formation occurs in two steps: In a first phase, fibers grow in the
longitudinal direction and branch, forming a network of thin fibers (1). In a second
phase, the fibers grow mainly in radial direction (2) The distance between fibers is
referred to as the mesh-size ξ which is assumed approximately equal to the fiber
contour length between branchpoints, lc. (b) An overview of the constitutive model.
The solvent, a buffer solution is modeled as a Newtonian fluid with viscosity ηf ,
represented by a dashpot. To describe the viscoelastic behavior of the maturing fibrin
network in time, the network is modeled with a Kelvin-Voigt model, represented by
a spring with modulus Gs parallel to a dashpot with viscosity ηs, which both are a
function of the fibrin concentration cfn. The model developed in this study describes
the second phase, the network maturation.
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and viscous modulus. Values of both moduli are used to compare the model predic-
tions with rheological experiments in which the maturation of the fibrin network is
followed in time.

In the next section, the constitutive law is introduced and the relation to the
structural properties of the network is made. The experiments used to verify the
model are explained next, followed by the results.

2.2 Materials and methods

2.2.1 Model development

To develop a constitutive model for the fibrin network, its formation process is de-
picted in a simplified way. As outlined in the introduction, two phases can be dis-
tinguished in the formation of the fibrin network (Ferri et al., 2001, Chernysh and
Weisel, 2008). Although the structure of the fibrin network is determined in both
phases, its mechanical properties change mostly due to the radial growth of the fibers
that occurs in the second phase (Chernysh and Weisel, 2008). This phase lasts longer
and extends well after the gel point, and is considered most important for the model
developed here. The fibrin network is therefore modeled as a maturing network in
which the fibers grow in radial direction, as shown in figure 2.1a. This assumption
is a simplification since it implies that all fibers have a constant length and no new
meshes can be formed within the network. The maturing fibrin network is modeled as
a viscoelastic solid and hence referred to as the solid phase. This network is dissolved
in a buffer solution which is referred to as the fluid phase. During network maturation
the mechanical properties of the solid phase will change. This mechanical evolution
is described using the kinetics of the network maturation. Hence, the formation of
the fibrin network is not modeled as such but the maturation of an already existing
network is modeled.

The total stress τ in the material is given by the sum of the contribution from
both the fluid and solid phase,

τ = τ f + τ s, (2.1)

with τ f and τ s the contributions from the fluid and solid phase, respectively.
The fluid phase is a buffer solution which is modeled as a Newtonian fluid with a

constant viscosity ηf = 1 mPa ⋅ s (figure 2.1b) such that the stress in the fluid phase is
given by,

τ f = 2ηfD, (2.2)

with D the rate of deformation tensor.
The solid phase, being the fibrin network, is modeled as a viscoelastic solid using

the Kelvin-Voigt model. This model is schematically represented by an elastic spring
parallel to a viscous dashpot. Because the total stress is the sum of the fluid and
solid phases, the solid phase is placed in parallel to the fluid phase (figure 2.1b). The
elastic part of the Kelvin-Voigt model is described with a shear modulus Gs, and the
viscous part is represented by a viscosity ηs. The extra stress is given by,

τ s = GsB + 2ηsD, (2.3)
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with B the Finger deformation tensor. Using both parameters of the Kelvin-Voigt
model, a relaxation time can be defined, λs = ηs/Gs. The modulus Gs = Gs (cfn (t))
and the relaxation time λs = λs (cfn (t)) are in a later stage related to structural prop-
erties of the fibrin network and therefore constitute a function of the time-dependent
fibrin concentration cfn (t).

The contribution of the solid stress to the total stress increases as the fibrin net-
work matures in time. This change is incorporated in the model by relating the
parameters in the Kelvin-Voigt model to the fibrin concentration in the network.
Hence, the mechanical properties of the network during its development are related
to the temporal fibrin concentration, cfn. The conversion from fibrinogen to fibrin
and the subsequent polymerization into fibrin fibers occurs in multiple steps as out-
lined in the introduction, but is modeled relatively simple using first-order kinetics.
The conversion from fibrinogen to fibrin being involved in a fiber is modeled in a
single step, governed by a kinetic rate constant kfg,

∂cfg

∂t
= −kfgcfg, (2.4)

where cfg is the fibrinogen concentration in mg/ml and t denotes time in seconds. The
kinetic rate constant kfg is used as a free parameter to fit the model to experimental
results. Equation (2.4) is subject to the initial condition cfg (t = 0) = cfg,0 with cfg,0
the initial fibrinogen concentration used in the experiments. The fibrin concentration
is given by,

cfn = cfg,0 − cfg, (2.5)

which illustrates the balance between fibrinogen and fibrin. It is important to note
that the fibrin concentration cfn refers to the amount of fibrin that is involved in
the network per unit volume. The fibrin concentration cfn is used to determine the
mechanical properties of the network by relating it to the fiber size.

When the fibrin concentration increases the fibers can grow in the radial direc-
tion but not in the longitudinal direction. Therefore, the fibrin concentration can be
related to the radial size of the fibers while the fiber contour length between branch-
points, lc, is constant during the network maturation. It is assumed that this length
scale lc is close to the mesh-size ξ, which represents the distance between fibers within
the network (figure 2.1a). The network contains order-one mesh lengths ξ per volume
ξ3, so the fiber length per unit volume is given by ρ = 1/ξ2. Because it is assumed that
the fiber contour length lc is constant and equal to the typical mesh-size ξ (MacKin-
tosh et al., 1995, Storm et al., 2005, Piechocka et al., 2010), the fiber length per unit
volume ρ is also constant during the network maturation, ρ = 1/l2c . Using ρ and the
fibrin concentration cfn, the time-dependent mass-length ratio of a fiber µf can be
determined as (Carr Jr. et al., 1977),

µf =
cfn

ρ
. (2.6)

Since the fibrin concentration changes in time, and the fiber length per unit volume is
a constant, equation (2.6) gives the mass-length ratio of a fiber in time. A value for ρ
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is found using the fibrin concentration and the fiber mass-length ratio of the matured
network, cfn,f and µf,f , respectively. When the network maturation is finished,
it is assumed that all initially available fibrinogen is involved in the network such
that the fibrin concentration equals the initial fibrinogen concentration, cfn,f = cfg,0.
Note that the above implies that the value for ρ depends on the initial fibrinogen
concentration but is constant during the network maturation. The mass-length ratio
for the final fibers, µf,f is used as a fit parameter and is also determined experimentally
using turbidimetry. Furthermore, it is used to derive the radius r of the fibers, a
quantity that is also determined from the turbidimetry experiments.

The mass-length ratio of the fibers can be used to calculate the number of protofib-
rils in a fiber cross-section, N . Using the mass-length ratio of both a fiber and a
protofibril, N is given by,

N = µf
µp
, (2.7)

with µp the mass-length ratio of a protofibril that is known because each fibrin
monomer has a mass of 340 kDa and contributes 22.5 nm to the total length of the
protofibril (Fowler et al., 1981). Combining equations (2.6) and (2.7) relates the
time-dependent fibrin concentration cfn (t) to the number of protofibrils per fiber
cross-section,

N (t) = cfn (t)
ρµp

. (2.8)

Equation (2.8) gives a value for the number protofibrils in time, based on the fibrin
concentration. Both the elastic modulus Gs and the relaxation time λs of the Kelvin-
Voigt model are related to N .

The shear modulus Gs is estimated using a theoretical model of semiflexible poly-
mer networks (MacKintosh et al., 1995, Gittes and MacKintosh, 1998). This model
predicts the frequency dependency of the shear modulus for a semiflexible polymer
network, a network for which the persistence length lp is of comparable size to lc,
such as in fibrin (Storm et al., 2005, Piechocka et al., 2010). The shear modulus of
the network is estimated based on the entropic deformation of the individual fibers.
For low deformation frequencies, the model predicts a vanishing viscous contribution
and a plateau for the elastic modulus. The estimate of this plateau value is used as
the shear modulus in the Kelvin-Voigt model,

Gs =
6kBTρl

2
p

l3c
, (2.9)

with kB the Boltzmann constant and T the absolute temperature. The contour length
can be rewritten using the fiber length per unit volume, lc = 1/√ρ. The persistence
length is related to the bending stiffness of a fiber, κb,f = lpkBT , such that equation
(2.9) can be written as,

Gs =
6κ2

b,fρ
5/2

kBT
. (2.10)

Equation (2.10) gives a value for the shear modulus in the Kelvin-Voigt model in
terms of the fiber length per unit volume ρ and the bending stiffness of a fiber κb,f .
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To relate the estimate for the shear modulus Gs to the fibrin concentration, the
bending stiffness of the fibrin fibers, κb,f , is related to the number of protofibrils per
fiber cross-section, N , that is known from equation (2.8). Relations for the bending
stiffness of a bundle that consists of N cross-linked filaments per fiber cross-section
have been derived before (Claessens et al., 2006). The dependency on N is governed
by a competition between resistance of the cross-links between the filaments to shear
and resistance of the individual filaments to bend. If the cross-links do not resist
shear i.e. the filaments are loosely coupled, each filament bends independently and
the stiffness of the bundle is proportional to N . On the other hand, if the filaments are
tightly coupled, the filaments all bend simultaneously and are stretched or compressed
when they are not on the central axis of the bundle. This leads to a bending stiffness
of the bundle that is proportional to N2, similar to the homogeneous beam limit.
Between these two limits, there is a transition regime from N to N2 dependency.

The above is applied to fibrin fibers, which are open structures that contain 80%
of solvent (Carr Jr. and Hermans, 1978, Yang et al., 2000, Yeromonahos et al., 2010)
suggesting that the loosely coupled limit is applicable. Hence the bending stiffness of
a fiber is written as,

κb,f = Nκb,p, (2.11)

where κb,p is the bending stiffness of a protofibril that has a value of 2 ⋅ 10−27 Nm2

(Storm et al., 2005). Combining this with equation (2.10) gives an expression for the
shear modulus in time,

Gs (t) = N2 (t)
6κ2

b,pρ
5/2

kBT
. (2.12)

A value for N is found using equation (2.8) such that the shear modulus is related to
the fibrin concentration and changes in time.

The viscosity in the Kelvin-Voigt model is similarly related to the fibrin concen-
tration, but rather than estimating the viscosity ηs, the relaxation time λs = ηs/Gs is
estimated and related to structural properties of the fibrin network. The relaxation
time is related to the fibrin concentration using the number of protofibrils in a fiber
cross-section, N . To estimate the relaxation time λs, the timescale of the movement of
the fibers within the network is used. A fiber will bent under an imposed deformation
and return to the relaxed state when the force vanishes. The timescale involved in
this relaxation process governs the viscous properties of the network and is therefore
used as the relaxation time λs in the Kelvin-Voigt model (Gittes and MacKintosh,
1998).

To estimate the relaxation time, the fiber is modeled as a homogeneous beam with
length lc. The path that the beam follows is specified by a tangent angle α (s) at an
arc length s along the fiber (figure 2.2). The curvature of the beam is given by ∂α/∂s
and is related to the bending moment M (s) by the beam equation (Gittes et al.,
1993),

κb,f
∂α

∂s
=M(s). (2.13)

If no external force is applied the beam will return to the relaxed state and expe-
rience a drag force due to the movement with respect to surrounding fluid. The
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Figure 2.2: To estimate the relaxation time, a fiber is modeled as a homogeneous
elastic beam surrounded by fluid. The path that the beam follows is specified by a
tangent angle α along the arc length s. When the beam returns to the relaxed state,
it has a transversal velocity v that is related to the hydrodynamic drag it experiences.

bending moment can then be written in terms of a transverse drag coefficient ζ and
the transversal velocity of the beam, leading to a fourth-order differential equation,

κb,f
∂4α

∂s4
= −ζ ∂α

∂t
. (2.14)

The solution of this equation can be decomposed into Fourier modes, where each
mode decays exponentially in time with a time constant (Gittes et al., 1993),

λn =
ζ

κb,f
( lc
π (n + 1/2))

4

, (2.15)

with λn the time constant of the nth mode. Since the time constants scale with
(n + 1/2)−4

, the first mode dominates the relaxation process and it is this time con-
stant that is used as the relaxation time in the Kelvin-Voigt model,

λs =
16

81

ζl4c
π4κb,f

. (2.16)

The bending stiffness of the fibers κb,f is related to the number of protofibrils using
equation (2.11). A value for lc is found using the fiber length per unit volume ρ,
lc = 1/√ρ, as used before. The transverse drag coefficient ζ is used as a free parameter
to fit experimental results. Combining the above, equation (2.16) is rewritten to,

λs (t) =
16

81

ζ

N (t)π4κb,pρ2
, (2.17)

which gives the relaxation time for the Kelvin-Voigt model in time.
The model contains three free parameters, kfg, µf,f and ζ, which are used to fit

the model to the experimental results. The rate constant kfg influences the kinetics of
the fibrin network formation. A change in the final fiber mass-length ratio µf,f results
in a change in both the shear modulus Gs and the relaxation time λs, whereas the
drag coefficient ζ influences the relaxation time only. All other parameters that occur
in the model either have a constant value as defined before, or can be calculated
using the initial fibrinogen concentration. An overview of the main quantities and
their dependencies is provided in appendix 2.A.
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2.2.2 Experimental validation

The constitutive law is validated against rheometry experiments, in which the network
maturation is followed in time.

Sample preparation

Fibrin network formation is initiated by adding human thrombin (Kordia, Leiden,
the Netherlands) at a final concentration of 0.5 U/ml to a buffer solution (20 mM
HEPES, pH 7.4, 5 mM CaCl2, 135 mM NaCl) containing 1-6 mg/ml human fibrinogen
(Kordia, Leiden, the Netherlands). The fibrin networks are cross-linked by factor XIII
present in the fibrinogen stock as shown by the appearance of αn and γ − γ bands
in reducing SDS-PAGE. Factor XIII is present under normal physiological condition
and cross-links α− and γ− chains within the fibrin network over the timescale of hours
(Ryan et al., 1999). Networks ligated by factor XIII have an increased stiffness while
the viscous response is reduced as compared to its unligated counterparts (Roberts
et al., 1973, Ryan et al., 1999, Weisel, 2004). In this study, only cross-linked networks
are considered.

Rheometry

In the rheological experiments, an oscillatory shear deformation is used to measure the
viscoelastic properties of the maturing fibrin network. After addition of thrombin, the
sample is quickly transferred to the stainless steel parallel plate geometry (diameter
50 mm) of a stress-controlled rheometer (MCR501; Anton Paar, Graz, Austria). A
small oscillatory shear deformation with amplitude γ0 = 0.01 and frequency f = 0.5−3
Hz is imposed for one hour to follow network maturation, which is considered long
enough for the physiological application of the model. The oscillatory deformation is
sufficiently small to probe the linear viscoelastic regime such that the resulting shear
stress can be decomposed in an elastic modulus G′ and viscous modulus G′′ that
describe the viscoelastic properties of the network. Both moduli can be combined into
a phase angle δ = arctan(G′′/G′) that describes the phase shift between the imposed
strain and the measured stress. The imposed deformation does not influence the
mechanical properties of the fibrin network as shown by control experiments in which
networks are formed at rest. The experiments are deliberately performed in the linear
viscoelastic regime such that nonlinear effects like protein unfolding and intrinsic
viscoelasticity of the fibers do not play a role (Piechocka et al., 2010, Münster et al.,
2013). Rheometry experiments are performed at 37○C and evaporation of sample is
minimized using a solvent trap. Results show averages of three measurements.

The viscoelastic moduli are predicted by the model to be,

G′

m = Gs, (2.18)

G′′

m = 2πf (ηf + ηs) = 2πf (ηf +Gsλs) , (2.19)

where the subscript m denotes model predictions. Note that the viscosity ηs is given
by the product of the shear modulus and relaxation time, ηs = Gsλs. The moduli
predicted by the model are fitted to the moduli measured in the experiments by
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adjusting the parameter values. Given a set of fit parameters, conveniently written as
θ = {kfg, µf,f , ζ}, the viscoelastic moduli are determined by the model. The optimal fit
parameter values are those that minimize the difference between the numerically and
experimentally determined moduli. These parameter values are found by minimizing
the objective function,

ε (θ) =
I

∑
i=1

(G′

i,m (θ) −G′

i,e)
2 + (G′′

i,m (θ) −G′′

i,e)
2
, (2.20)

with I the number of experimentally measured points, denoted with subscript e.
Equation (2.20) is minimized using the trust-region reflective algorithm as imple-
mented in the Optimization Toolbox in the software MATLAB (The MathWorks,
Natick, MA). Multiple minimizations are performed with initial values chosen ran-
domly from a broad range to avoid a local minimum of the objective function being
found.

The three fit parameters, kfg, µf,f and ζ, can be dependent on the initial fib-
rinogen concentration but should be independent of the frequency because frequency
response of the networks is intrinsically determined by the constitutive law. To test
this assumption, a parameter set is obtained for each combination of initial fibrinogen
concentration and frequency. If the parameters change with frequency, this is an indi-
cation that the frequency behavior predicted by the Kelvin-Voigt model is not correct.
The mass-length ratio of the fibers, µf,f is measured directly using turbidimetry to
compare with the fitted values.

Turbidimetry

Turbidimetry can be used to determine the mass-length ratio and radius of the fibers
within the fibrin network (Carr Jr. and Hermans, 1978, Yeromonahos et al., 2010).
Samples are prepared as described above and allowed to polymerize for one hour at
37○C in a disposable cuvette (Brand, Wertheim, Germany). The samples are then
transferred to a Cary 50 UV-Vis spectrophotometer (Varian, Palo Alto, CA) and the
turbidity τ is measured at wavelengths λ between 500 and 700 nm. The turbidity
and wavelength are related by (Yeromonahos et al., 2010),

τλ5 = Aµf (λ2 −Br2) , (2.21)

with A = (88/15)π3cfnns (dn/dcfn)2 /Na, B = (184/231)π2n2
s, ns = 1.33 the refrac-

tive index of the solvent, (dn/dcfg) = 0.17594 cm3/g the specific refractive index incre-
ment (Yeromonahos et al., 2010) and Na Avogadro’s number. By plotting τλ5 versus
λ2 a line is obtained. The mass-length ratio µf can be determined from the slope of
this line, while the fiber radius r is determined separately from the interception with
the y-axes.

2.3 Results

Results of simulations with the constitutive model are compared with rheological
experiments in which the network maturation is followed in time. Parameter values
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Figure 2.3: Evolution of the viscoelastic properties of the fibrin network in time.
Networks formed at a frequency of 1 Hz with initial fibrinogen concentrations of 1
mg/ml (◻), 3 mg/ml (◇), and 6 mg/ml (△). The values predicted by the model
(solid lines) are in close agreement with the experimental results (symbols).(a) Elastic
modulus G′. (b) Viscous modulus G′′. (c) Phase angle δ. (Inset) Phase angle for the
last minutes of the experiment. (d) Fibrin concentration cfn (only model predictions).

for the three free parameters in the model are found by fitting the viscoelastic moduli
predicted by the model to those measured in the experiments. The model is able to
describe the experimental results for networks formed from various initial fibrinogen
concentrations and frequencies. For the networks formed at a frequency of 1 Hz, the
evolution of both viscoelastic moduli, the phase angle and the fibrin concentration
are shown in figure 2.3. Results for networks formed at frequencies of 0.5 and 3 Hz
show similar results and are therefore not shown.

The viscoelastic moduli as measured in the experiments (symbols) and calculated
by the model (solid lines) are in close agreement. The elastic modulus G′ increases
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Figure 2.4: Viscoelastic moduli predicted by the model after one hour of network
maturation versus initial fibrinogen concentration. Both the (a) elastic modulus G′,
and (b) viscous modulus G′′, show power-law behavior with respect to initial fibrino-
gen concentration cfg,0. Results are shown for networks formed at frequencies of 0.5
Hz (◻), 1 Hz (◇) and 3 Hz(△) with power-law fits (dashed lines) and corresponding
slopes.

with initial fibrinogen concentration from 9 Pa at 1 mg/ml to 1.1 kPa at 6 mg/ml
(figure 2.3a). The viscous modulus G′′ increases from 0.5 to 10 Pa with increasing
fibrinogen concentration (figure 2.3b). The values of G′ are 10-100 times the values
of G′′ indicating that the fibrin networks behave as an elastic material, which is also
reflected in the behavior of the phase angle δ. The phase angle decreases within 10
minutes to values between 1○ and 4○ (figure 2.3c) and decreases with initial fibrinogen
concentration. The fibrin concentration cfn as predicted by the model increases to
the maximal value, equal to the initial fibrinogen concentration, within 60 minutes
(figure 2.3d). This increase is faster for the networks formed from 1 mg/ml fibrinogen.

The majority of the increase of the viscoelastic moduli takes place in the beginning
of the experiments, indicating that the network maturation is almost finished after 60
minutes for all concentrations. When plotted against initial fibrinogen concentration,
the moduli predicted by the model after one hour of network maturation show a power-
law dependency (figure 2.4). Results are shown for networks formed at frequencies of
0.5, 1 and 3 Hz and the error bars indicate the standard deviation of three independent
measurements. The elastic modulus increases with an exponent of 2.6 ± 0.3, whereas
the viscous modulus increases with an exponent of 1.7 ± 0.2.

The values for the fitted model parameters are shown in figure 2.5 as function
of initial fibrinogen concentration for various frequencies. The mean values for the
kinetic constant kfg vary between 1 ⋅ 10−3 and 6 ⋅ 10−3 s−1 (figure 2.5a). The variation
of this parameter is relatively small except for the 1 mg/ml data. The parameter
that influences both the elastic and viscous modulus is the final mass-length ratio of
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Figure 2.5: Fitted model parameters as function of initial fibrinogen concentration.
(a) Kinetic rate constant kfg. (b) Fiber mass-length ratio after one hour µf,f with
the values determined with turbidimetry (◯). (c) Friction coefficient ζ. Results are
shown for networks formed at frequencies of 0.5 Hz (◻), 1 Hz (◇) and 3 Hz (△).

the fibers, µf,f . This parameter varies between 2 ⋅ 1012 and 8 ⋅ 1012 Da/cm and no
trend is observable with respect to frequency or fibrinogen concentration (figure 2.5b).
Experimentally determined values for µf,f are higher and vary between 4 ⋅ 1012 and
2 ⋅1013 Da/cm with a decreasing trend with respect to initial fibrinogen concentration.
The third model parameter that is used to fit the model is the drag coefficient ζ
(figure 2.5c) which influences the viscous modulus. The mean values vary between
0.5 and 7 Pa ⋅ s and show an increase with initial fibrinogen concentration. For all
concentrations, ζ decreases with increasing frequency.

The viscoelastic moduli after one hour of network maturation are plotted versus
frequency for various initial fibrinogen concentrations in figure 2.6. This plot shows
the frequency response of the networks and forms an overview of their viscoelastic
behavior.

The elastic modulus is independent of frequency for all initial fibrinogen concen-
trations which follows from the measurements and is described well by the model
(figure 2.6a). The viscous modulus increases with frequency to the power 0.4 ± 0.2
(figure 2.6b).

2.4 Discussion

The values found for the viscoelastic moduli and their relative contribution are in
agreement with previous reported results (Ryan et al., 1999, Piechocka et al., 2010).
Close agreement is found between the model and the experiments for both viscoelastic
moduli and the phase angle. The deviation is largest for the viscous modulus which
is due to its relatively small contribution in the objective function (equation (2.20))



Model for a maturing fibrin network 23

0.5 1 2 3

10
1

10
2

10
3

Frequency [Hz]

G
′  [P

a]

(a)

0.5 1 2 3
10

−1

10
0

10
1

Frequency [Hz]

G
′′  [P

a]

0.4 +/− 0.2

1.0

(b)

Figure 2.6: Viscoelastic moduli after one hour of network maturation versus fre-
quency. (a) Elastic modulusG′. (b) Viscous modulusG′′. Results are shown for initial
fibrinogen concentrations of 1 mg/ml (◻), 3 mg/ml (◇) and 6 mg/ml (△). Measured
results (symbols) are compared with model predictions in which the parameters are
allowed to vary with frequency and concentration (solid lines) or concentration only
(dashed line).

that is minimized during the fitting procedure. This is a natural way of taking into
account that the response of the fibrin networks is predominantly elastic and assures
that the total stress is described well.

Both viscoelastic moduli increase with initial fibrinogen concentration with a
power-law behavior. The elastic modulus of the matured networks is proportional
to the concentration to the power 2.6 ± 0.3, close to the reported value of 2.3 under
similar experimental conditions (Piechocka et al., 2010). The theoretical model used
to estimate the shear modulus predicts an exponent of 2.5 for a densely cross-linked
gel for which lc = ξ (MacKintosh et al., 1995) as assumed here. This shows that this
scaling law is applicable to fibrin networks formed under these conditions. No trend
is observed with respect to the frequency of the oscillation under which the networks
form, although there is some variation for the networks of 1 mg/ml.

Three parameters are used to fit the model to the experimental data.

Rate constant kfg

The kinetic rate constant kfg determines the timescale of the network maturation.
It is known that the concentration of thrombin and fibrinogen and their ratio have
a large influence on the network formation kinetics and its mechanical properties
(Blombäck et al., 1989, Weisel and Nagaswami, 1992, Ryan et al., 1999, Ferri et al.,
2002). A possible influence of this effect would lead to a change in the fit parameter
kfg as function of the initial fibrinogen concentration. This is not observed, although
large variations are visible for the networks of 1 mg/ml fibrinogen. Similar results
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have been found before (Ryan et al., 1999).
The simple representation of the fibrin network kinetics with a single time constant

gives satisfying results, but is easily replaced with a more sophisticated model if
desired. An extension could be to include the slow increase of stiffness after the fibers
have reached a constant radial size (Chernysh and Weisel, 2008), possibly caused by
cross-linking due to factor XIII (Ryan et al., 1999). This increase is better visible
when the data are plotted with a logarithmic timescale (figure 2.9a in appendix 2.B).
The results in figure 2.3 are plotted with the moment at which the experiment is
started as t = 0. However, in practice, the network formation starts already at the
moment when thrombin is added to fibrinogen, after which it takes time to transfer
the sample to the rheometer and start the experiment. To test the influence of this
preparation time on the timescale of the network maturation and the kinetic constant
kfg, the data are normalized and scaled (appendix 2.B). It is found that neglecting
the preparation time does not influence the value of the kinetic constant kfg.

Mass-length ratio µf,f

The mass-length ratio of the fibers after one hour of network maturation, µf,f , is
used as a fit parameter and also measured using turbidimetry. The experimental
values are between 2 ⋅ 1013 Da/cm and decrease to 4 ⋅ 1012 Da/cm with increasing
initial fibrinogen concentration (figure 2.5b). These values are in the same range as
reported in literature (Carr Jr. and Hermans, 1978, Blombäck et al., 1989, Stasio
et al., 1998) and a similar trend has been observed under comparable conditions
(Piechocka et al., 2010). The model predicts lower values, especially for the low
concentrations. The decreasing trend of the mass-length ratio with respect to initial
fibrinogen concentration is not observed in the values found by the model. This can
be explained by the fact that the model implicitly imposes a shear modulus that is
proportional to the concentration to the power 2.5 as opposed to the value of 2.6
that follows from the experiments. The model accounts for this small discrepancy by
adjusting the mass-length ratio because it is a fit parameter that is left free in the
fitting procedure. Furthermore, this accounts for simplifications that are made such
as the influence of the protein concentrations on the fiber size (Yeromonahos et al.,
2010) and the relation between the bending stiffness of the protofibril and fiber. Given
these simplifications the fitted and experimentally determined values agree reasonably
well. Experimental techniques such as microscopy and turbidimetry can be used to
obtain a more detailed relation between the structural composition of the network
and its mechanical properties (Chernysh and Weisel, 2008).

The mass-length ratio can be used to determine the number of protofibrils per fiber
cross-section, N , using equation (2.7). The fiber radius is measured by turbidimetry
but can also be estimated using the mass-length ratio and the fiber mass density ψ
(Carr Jr. and Hermans, 1978),

r =
√

µf,f

πψ
. (2.22)

Values for N and r are shown in figure 2.7, where the fiber mass-density is assumed
to be constant at 0.28 g/cm3 (Carr Jr. and Hermans, 1978).
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Figure 2.7: Derived structural quantities versus initial fibrinogen concentration.
Using the fiber mass-length ratio predicted by the model, the number of protofibrils
per fiber cross-section, N (a) and the fiber radius, r (b) are derived. Results are
shown for networks formed at frequencies of 0.5 Hz (◻), 1 Hz (◇) and 3 Hz (△). The
values determined with turbidimetry are shown as circles.

The values for N based on the model results vary between 11 and 30 protofibrils,
which is lower than the experimentally determined values that vary between 30 and
120. These results are qualitatively the same as the results of the mass-length ratio.
The fiber radius is determined in the turbidimetry experiments separately from the
mass-length ratio. This gives values of ∼110 nm, independent of concentration, which
is lower than the values found by the model that vary ∼20 nm. Values found in the
literature are in the same range (Piechocka et al., 2010, Yeromonahos et al., 2010)
where it should be taken into account that the density as used in equation (2.22) is
dependent on the experimental conditions (Yeromonahos et al., 2010).

Drag coefficient ζ

The third free parameter in the model is the drag coefficient ζ. The values of this
parameter can be estimated by considering the fibers within the network as homoge-
neous cylinders with length lc and radius r. For such a beam, the drag coefficient is
given by (Batchelor, 1970),

ζ = 4πηf

log (lc/2r)
. (2.23)

This equation shows that the friction coefficient depends on the length and radius
of the fibers, which can be used to explain the increase of the friction coefficient
with respect to initial fibrinogen concentration (figure 2.5c). The mass-length ratio
depends weakly on the initial fibrinogen concentration. With an increasing initial
fibrinogen concentration, this leads to an increased fiber length per unit volume, ρ,
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as shown by equation (2.6), and hence a shorter fiber length lc. This indicates that
the fibers become less slender when the fibrinogen concentration increases, and this
leads to an increase of the friction coefficient. Using the fiber length and radius found
before, this estimate gives values between 5 and 7 mPa ⋅ s which is up to 1000 times
smaller than the values found by the model. This can be explained by the fact that
the fibrin fibers are not homogeneous cylinders, but are porous and contain 80% of
solvent (Carr Jr. and Hermans, 1978, Yang et al., 2000, Yeromonahos et al., 2010).
This suggests that internal friction plays a role that can increase the drag coefficient
dramatically (Poirier and Marko, 2002). Also, the intrinsic viscoelastic properties of
fibers that have been observed at larger strains (Münster et al., 2013) might play a
role and could be used to enhance the estimation of the viscous properties.

The fitted parameters should be independent of frequency because the frequency
response is intrinsically determined by the viscoelastic model. However, the drag
coefficient ζ decreases with increasing frequency. This can be explained by the choice
of the Kelvin-Voigt model, which prescribes a viscous modulus G′′ proportional to
the frequency (equation (2.19)). The experimental results show a viscous modulus
that scales with the frequency to the power 0.4 (figure 2.4b). Similar results have
been found before for a broader frequency range than probed in this study, for fibrin
networks (Piechocka et al., 2010) and other cross-linked polymers (Ferry, 1980).

The result of this discrepancy is that the fitted friction coefficients decrease with
frequency. To further investigate this, the model is fitted to the experimental data
with the parameters forced to be independent of frequency and hence a viscous mod-
ulus that is proportional to the frequency. This gives a parameter set for each initial
fibrinogen concentration, that holds for all frequencies. The results of this fit are
shown in figure 2.6 as dashed lines. The viscous modulus G′′ is proportional to the
frequency as prescribed by the Kelvin-Voigt model but the values of both viscoelastic
moduli deviate more from the experimental results, especially G′′. This shows that
a possible improvement of the viscoelastic model would be to model the frequency
dependency of the viscous modulus in more detail. However, this requires additional
viscoelastic modes which increases the complexity of the model significantly (van Dam
et al., 2008). Given the fact that the fibrin networks are predominantly elastic over a
broad frequency range (Piechocka et al., 2010), and in view of the intended applica-
tion of the model in advanced numerical simulations, this is therefore not considered
as a relevant improvement.

The fibrin networks described in this study are ligated due to the presence of factor
XIII. The creation of cross-links leads to networks that have an increased storage and
decreased viscous modulus (Roberts et al., 1973, Ryan et al., 1999, Weisel, 2004).
Furthermore, the creation of cross-links increases the stiffness of the networks over
the timescale of hours (Ryan et al., 1999). Although the presence of factor XIII is
not taken into account explicitly, the model developed in this study is suitable for
describing these ligated fibrin networks. It is possible to include the influence of
ligation by making the elastic and viscous contribution a function of the presence of
factor XIII. Also, a second timescale could be included in the fibrin network formation
kinetics to describe the slow increase of stiffness due to cross-linking. However, in this
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situation the model is aimed at describing the normal physiological condition in which
factor XIII is present.

Figure 2.6a shows that the elastic modulus is independent of frequency, which
is typical for an elastic material. Together with the low values of the phase angle
this shows that the mature fibrin network can be considered as an elastic material.
However, during the network formation a transition takes place from viscous to elastic
behavior, indicated by the gel point. The gel point occurs relatively early in the
process of network formation (Chernysh and Weisel, 2008), but cannot be determined
from the measurements presented here, due to the experimental limitations in the
detection level of the torque. The model describes the behavior of the maturing fibrin
network that occurs after the gel point. This is considered the most relevant phase
in view of the physiological application of the model.

2.5 Conclusion

A constitutive model for the maturing fibrin network has been presented. The growth
of the network is modeled as the strengthening of an existing network without taking
explicitly into account the formation of the network. Although the Kelvin-Voigt
model is relatively simple, it is able to describe the viscoelastic properties of the fibrin
network by relating the shear modulus and viscosity to its structural properties. Three
parameters are used to fit the model to the results of rheometry experiments. Given
the simplifying assumptions that are made, the parameters have acceptable values.
The mass-length ratio of the fibers as predicted by the model is used to derive the
number of protofibrils per cross-section and the fiber radius; this gives good results.
The value of the model is that it describes the viscoelastic properties of the maturing
fibrin network based on its structural properties.
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2.A Overview of quantities and their dependencies

Table 2.1: Most important quantities in the model and their units

Fitted quantities

kfg s−1 Kinetic constant

µf,f Da/m Final fiber mass-length ratio

ζ Pa.s Friction coefficient

Known quantities

cfg,0 mg/ml Initial fibrinogen concentration

cfn,f mg/ml Final fibrin concentration

µp Da/m Protofibril mass-length ratio

κb,p Nm2 Protofibril bending stiffness

kB J/K Boltzmann constant

T K Temperature

Derived quantities

cfg (t) mg/ml Fibrinogen concentration

cfn (t) mg/ml Fibrin concentration

ρ m−2 Fiber length per volume

µf (t) Da/m Fiber mass-length ratio

N (t) - Protofibrils per fiber cross-section

Gs (t) Pa Shear modulus

λs (t) s Relaxation time
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Figure 2.8: Overview of the most important quantities and their relations in the
model
.
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2.B Analysis of kinetics
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Figure 2.9: Analysis of kinetics. (a) Evolution of G′ in time for networks formed
from 1 mg/ml (◻), 3 mg/ml (◇), and 6 mg/ml (△). Data are the same as figure
2.3a but with a logarithmic temporal axis. (b) Plot of the scaled elastic modulus
G′ to analyse the timescale of the kinetics. Original data for the fibrin networks
formed from 3 mg/ml fibrinogen at a frequency of 1 Hz (solid line), corrected for the
preparation time (dashed red line) and a line with a slope of kfg (dashed black line).

The kinetics of the network maturation are analyzed in more detail by a scaling
analysis. According to equations (2.4), (2.8), the equation for G′ (equation (2.12))
can be conveniently written as,

G′ = Gf (1 − e−kfgt)2
, (2.24)

with Gf the modulus after one hour of network maturation. From equation (2.24)
the following scaling relation is obtained,

log (1 − (G′/Gf)1/2) ∼ −kfgt. (2.25)

Plotting the experimental results on a semi-logarithmic scale should therefore give
a line with slope −kfg. This is done in figure 2.9b for the fibrin networks formed
from 3 mg/ml fibrinogen at a frequency of 1 Hz for a measurement with and without
correction for the preparation time (the time between the addition of thrombin to
fibrinogen and the start of the actual rheological experiment). The slopes of the
data with correction (red dashed line) and without correction (red solid line) are
both relatively close to the slope of the line with slope −kfg. This shows that the
preparation time does not influence the kinetic constant as found by the model.



Chapter 3

A constitutive model for the
time-dependent, nonlinear

stress response of fibrin
networks

Abstract

In this study, a constitutive model is presented that describes the nonlinear viscoelas-
tic properties of the fibrin network, the main structural component of blood clots.
The model is developed using results of experiments in which the fibrin network is
subjected to a large amplitude oscillatory shear (LAOS) deformation. The results
show three dominating nonlinear features: softening over multiple deformation cy-
cles, strain stiffening and increasing viscous dissipation during a deformation cycle.
These features are incorporated in a constitutive model based on the Kelvin-Voigt
model. A network state parameter is introduced that takes into account the influence
of the deformation history of the network. Furthermore, in the period following the
LAOS deformation, the stiffness of the networks increases which is also incorporated
in the model. The influence of cross-links created by factor XIII is investigated by
comparing fibrin networks that have polymerized for one and two hours. A sensi-
tivity analysis provides insights into the influence of the eight fit parameters. The
model developed is able to describe the rich, time-dependent, nonlinear behavior of
the fibrin network. The model is relatively simple which makes it suitable for com-
putational simulations of blood clot formation and is general enough to be used for
other materials showing similar behavior.

The contents of this chapter are based on: T.H.S. van Kempen, G.W.M. Peters, and F.N. van
de Vosse. A constitutive model for the time-dependent, nonlinear stress response of fibrin networks.
Biomechanics and Modeling in Mechanobiology, DOI:10.1007/s10237-015-0649-1, 2015.
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3.1 Introduction

Blood clots form to prevent blood loss after a vascular injury but can also lead to
undesired complications such as thrombosis when forming intravascularly. The me-
chanical properties of the blood clot are of major of importance for its functioning and
have been related to many diseases (Weisel, 2008) but remain elusive to model. The
main structural component of the blood clot is fibrin, a fibrous network that forms
within the blood clot and thereby provides strength to the platelet plug that forms as
a provisional closure of the injury. The fibrin network shows rich nonlinear mechan-
ical behavior that enables the network to perform its physiological function (Brown
et al., 2009, Münster et al., 2013), but this behavior is not fully described by current
constitutive models. Therefore, in this study, a constitutive model is developed for
the nonlinear mechanical behavior of the fibrin network.

The fibrin network forms in multiple steps after the conversion of fibrinogen to
fibrin monomers, enzymatically catalyzed by thrombin. These monomers aggregate
to form two-stranded structures known as protofibrils which subsequently polymerize
into fibers that eventually form the fibrin network (Cilia la Corte et al., 2011). This
network is furthermore strengthened due to the presence of factor XIII (fXIIIa) that
creates cross-links within and between protofibrils (Ryan et al., 1999, Lorand, 2005).
It is the hierarchical structure of the fibers that gives the fibrin network its remarkable,
yet complicated, mechanical properties (Brown et al., 2009, Piechocka et al., 2010,
Münster et al., 2013). One of the most pronounced nonlinear mechanical effects is that
fibrin stiffens with an increasing deformation (strain stiffening) (Shah and Janmey,
1997, Brown et al., 2009, Kang et al., 2009, Weigandt et al., 2011, Münster et al.,
2013). During such a deformation, individual fibers can stretch to multiple times their
own length (Liu et al., 2006). Upon repeated deformation cycles the fibers persistently
lengthen, leading to a lower stiffness at the same strain and hence a softening effect
(Münster et al., 2013). The combination of these nonlinear viscoelastic features makes
it complicated to describe the mechanical properties of the fibrin network, yet they
are essential for a realistic description of the mechanical (in-situ) behavior where
complex loading histories may occur. Therefore, the goal of this study is to develop
a constitutive model for the nonlinear viscoelastic, thixotropic behavior of the fibrin
network. To our knowledge, such a model, suitable for advanced numerical simulations
of blood clot formation (e.g. Storti et al. (2014)) and based on a continuum mechanics
approach, has not been developed before.

The nonlinear mechanical properties of fibrin, and networks of biopolymers in
general, have been studied using models and various experimental techniques. Models
have been used to show that the strain-stiffening behavior can have an entropic or a
non-affine origin (Storm et al., 2005, Onck et al., 2005), while experimentally it has
been shown that both mechanisms play a role, most likely at different strain regimes
(Brown et al., 2009, Piechocka et al., 2010, Weigandt et al., 2011). The intrinsic
nonlinear behavior of single fibrin fibers has been studied (Liu et al., 2006, Averett
et al., 2012) as well as its influence on network mechanics (Hudson et al., 2010).
Recently, it has been shown that parts of fibrin fibers can relocate within the network
which makes it a dynamic structure that can remodel (Chernysh et al., 2012).
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Various experimental protocols have been used to probe nonlinear mechanical
properties of fibrin and other biopolymers, including strain ramps (Schmoller et al.,
2010), compression (Kim et al., 2014), differential prestress (Piechocka et al., 2010)
and large amplitude oscillatory shear (LAOS) (Münster et al., 2013). Each protocol
probes different aspects of the nonlinear viscoelastic behavior of the material and a
combination is useful to obtain a complete description (Semmrich et al., 2008, Broed-
ersz et al., 2010). In this study, a LAOS deformation is used to develop a constitutive
model for the nonlinear viscoelastic behavior of the fibrin network. An advantage
of LAOS is that it is suitable to probe the rich nonlinear viscoelastic behavior of a
material, while it is still possible to distinguish the various features observed. The
repeated oscillatory deformation provides insights into the thixotropic behavior of the
fibrin network. Furthermore, the LAOS deformation is a straightforward extension
of the small amplitude oscillatory shear (SAOS) deformation that is usually used to
study viscoelastic behavior. Also, the response of the fibrin network to a large oscil-
latory deformation mimics the physiological deformation due to an oscillatory blood
flow that these networks have to withstand. This makes LAOS ideally suited for
the development of a constitutive model for the fibrin network. LAOS deformations
have been used before to study the nonlinear viscoelastic properties of fibrin (Münster
et al., 2013). In this study, the experimental data are used to unravel the viscoelastic
response of the fibrin networks and develop a constitutive model.

In the next section, experiments are introduced, the results of which are used
subsequently to develop the constitutive model. The model is then used to describe
and predict the results of the experiments, followed by a discussion of the outcome.

3.2 Experimental methods

3.2.1 Fibrin network formation

Fibrin networks are formed by adding 0.5 U/ml human thrombin to 1 mg/ml human
fibrinogen (Kordia, Leiden, the Netherlands) after which the sample is quickly trans-
ferred to the titanium cone-plate geometry (25 mm diameter, 0.02 rad cone angle) of
an ARES rheometer (Rheometric Scientific, USA). To follow the network formation,
a SAOS deformation with a frequency of 1 Hz and strain amplitude of 0.01 is imposed
for two hours. This deformation is within the linear viscoelastic regime and does not
interfere with the network formation as shown in chapter 2. The networks are formed
at 37○C and a layer of mineral oil is applied to the sample edge to minimize evapo-
ration. The response of the networks during the SAOS deformation is predominantly
elastic, indicated by an elastic modulus G′ that exceeds the viscous modulus G′′ many
times. Therefore, the SAOS data are presented in terms of the elastic modulus only.

3.2.2 Large amplitude oscillatory shear (LAOS) experiment

After the network formation, the nonlinear viscoelastic properties are studied by
imposing a LAOS deformation. While the frequency of the oscillatory deformation is
always maintained at 1 Hz, the strain amplitude is increased in discrete steps of 60



34 Chapter 3

seconds to 0.05, 0.1, 0.25, 0.5, 0.75 and 1.0. After the LAOS deformation, the response
of the network is followed for two hours by imposing the same SAOS deformation as
before. Subsequently, the LAOS sequence is repeated. The first LAOS sequence is
used to determine parameter values of the different parts of the constitutive model, as
explained later. The second sequence is used to test the predicting capabilities of the
model. An overview of this protocol is shown in figure 3.1. For convenience, in the
remainder of this chapter, the start of the first LAOS sequence is defined as starting
time i.e., t = 0.

The raw data from the rotation and torque signals are collected using an analog-
to-digital converter (ADC) (Wilhelm, 2002) and converted to strain and stress. The
data obtained in this way during the SAOS experiment contain a large amount of
noise, due to the low torque. Therefore, the strain and stress during the SAOS
experiment are not obtained from the raw data but using the data provided by the
rheometer software. These data, provided in terms of strain amplitude and the elastic
and viscous modulus, are used to reconstruct the strain and stress signals in time.

The data are analyzed in terms of Lissajous-Bowditch plots in which the strain is
plotted versus the stress, showing closed loops that illustrate the nonlinear viscoelastic
behavior of the fibrin network (Ewoldt et al., 2008, Hyun et al., 2011). Different
aspects of these plots are used as a guideline for developing the constitutive model.

To examine the influence of cross-links formed by fXIIIa, present in the fibrinogen
stock solution as shown by SDS-PAGE, some of the samples are allowed to polymerize
for one instead of two hours. Since the cross-linking occurs over a relatively long
timescale compared to the network formation itself, a network polymerized for one
hour has less cross-links (Ryan et al., 1999, Lorand, 2005). It is expected that this
will influence the nonlinear viscoelastic behavior (Münster et al., 2013).

3.3 Model development

The constitutive model is an extension of a Kelvin-Voigt model, a relatively simple
model for a viscoelastic solid (Barnes et al., 1989). In chapter 2, the model has been
used to describe the maturation of the fibrin network. The model relates the shear
stress τ to the strain γ and its temporal derivative, the strain rate γ̇, as

τ = Gγ + ηγ̇. (3.1)

The shear modulus G, and viscosity η, have been related to structural quantities of the
network during its maturation in chapter 2. Although this connection to structural
quantities is still useful, this relation is not used in this study explicitly. Instead,
the shear modulus and viscosity become dependent on the strain history, G = G (γ, t)
and η = η (γ, t). In this way, the Kelvin-Voigt model is extended by including the
nonlinear features that are observed in the results of the LAOS experiments.

Representative results of a LAOS experiment, illustrating the nonlinear response
of the fibrin network, are shown in figure 3.2 and subsequently used to explain the
development of the model.
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Figure 3.1: The elastic modulus, G′ in time is measured during a SAOS experiment
of two hours (a). Then a LAOS experiment is performed in which the strain amplitude
is increased (b), and the resulting stress is measured (c). This procedure is repeated
afterward.

3.3.1 Nonlinear features and underlying assumptions

The Lissajous-Bowditch plots shown in figure 3.2a clearly deviate from an ellipse,
indicating the nonlinear viscoelastic behavior of the fibrin network. Three nonlinear
features can be distinguished by observing the plots in detail. The first feature is
a cycle-dependent softening effect that takes place over multiple deformation cycles.
This is visible as a decrease in the stress at maximal strain (figure 3.2b) and also as a
decrease in the slope of the curve at minimum strain (figure 3.2c). The second feature
is strain stiffening, illustrated by the increased slope of the curves with increasing
strain (figure 3.2d). The third feature is that the viscous dissipation increases with
increasing strain, shown by the broadening of the cycles throughout the cycle (figure
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Figure 3.2: The Lissajous-Bowditch plots (a) illustrate the nonlinear behavior. Note
that every 5th cycle is plotted for clarity. Zooming in on the maximal stress values
illustrates that the stress decreases over multiple deformation cycles (b). Zooming in
on the origin illustrates the same effect (c). The slopes of the dashed lines correspond
to the estimated minimal strain modulus, G0. The increasing viscous dissipation
during the deformation cycle is illustrated by the observation of a single loop (d).
The colors correspond to the strains shown in figure 3.1b.
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3.2d).
Besides these nonlinear phenomena observed during the LAOS experiment, a

fourth phenomenon observed is that the elastic modulus increases during the two
hours after the LAOS experiment (figure 3.1a). This increase is attributed partially
to recovery of the network after the large deformation and to the continuous creation
of new cross-links due to fXIIIa (Ryan et al., 1999, Lorand, 2005). This effect, and
the three nonlinear features are incorporated in the Kelvin-Voigt model. The focus is
on the description of the mechanical properties of the fibrin network during the first
LAOS experiment and to a lesser extent on the response during the second LAOS
experiment.

Softening and subsequent recovery

As shown in figure 3.2b and c, the stiffness of the fibrin network decreases during the
multiple deformation cycles of the LAOS experiment. This effect is attributed to the
lengthening of fibers due to the increasing cyclic deformation that leads to a lower
stiffness (Münster et al., 2013). When subsequently the amplitude of the strain is
decreased, the stiffness of the network rises, as shown by the increasing G′ value in
figure 3.1a. Both effects are included in the model using a network state parameter
(NSP), x, that describes the change in mechanical properties of the fibrin network
over time based on its deformation history. This is simply modeled by making the
low-strain shear modulus proportional to the NSP,

G0 = G00x, (3.2)

with G0 the modulus at low strain and G00 the low-strain modulus of the virgin
network, which is the stiffness at a reference state, chosen as the start of the first
LAOS experiment. The form of equation (3.2) implies that the NSP is always non-
negative and at the reference state equal to 1. More complicated expressions can be
used if desired but a linear relation is used here as a convenient start to limit the
complexity of the model. In the following, an evolution equation for x is developed
based on the behavior of G0, but it is first outlined how this behavior is extracted
from the experimental data.

Although the softening effect that takes place during multiple deformation cycles
is best illustrated by observing the stress values at maximal strain (τ0) as shown in
figure 3.2b, this effect influences the stress throughout the entire deformation cycle. To
quantify the softening, values of τ0 could be used, but a drawback is that the stress
at maximal strain is influenced by both the softening effect and strain stiffening.
Therefore, the modulus at minimal strain, G0, is used (figure 3.2c) to be able to
quantify the kinetics of the softening from the data, independent of the other nonlinear
effects.

The values of G0 can be interpreted as a local derivative of the stress with respect
to strain, at the strain γ = 0,

G0 (t, γ) = ∂τ

∂γ
∣
γ=0

, (3.3)
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Figure 3.3: The NSP, x, in time during LAOS (a). The colors correspond to the
strains shown in figure 3.1b. After a change in strain, the NSP levels off to a new
value denoted by x∞ that decreases with the strain (b). The black lines are obtained
with the model (equations (3.5) and (3.6)).

and are estimated by a linearization of the positive stresses at the strains of γ = ±0.05.
For the cycles with a strain amplitude of 0.01, the stresses at maximal strain are used
for the linearization. The accuracy of this method increases with increasing strain
amplitude, because the corresponding stresses are higher and the signals contain less
noise, as visible in figure 3.2c. Values for the NSP are subsequently found using the
relation between the shear modulus and the NSP (equation (3.2)),

x (t, γ) = G0 (t, γ)
G00

. (3.4)

Results for the NSP during a LAOS experiment are shown in figure 3.3 with the colors
corresponding to the LAOS protocol in figure 3.1b.

Note that this implies that the NSP obtained in this way is intrinsically noisy
since it is determined using the stress at the lowest possible strain. This especially
plays a role during the lowest strains applied (figure 3.3a).

As shown in figure 3.3a, the NSP decreases due to the applied strain, which should
be described by the evolution equation for x. After increasing the strain, the NSP
decreases toward a value that depends on the corresponding strain amplitude. The
value to which the NSP levels off is referred to as x∞ and the decrease toward this value
goes with a time constant cd. As observed during the SAOS deformation imposed
after the LAOS sequence, the stiffness of the network rises again when the deformation
amplitude is decreased (figure 3.1a). This means that x increases, in principle to the
x∞ value related to that lower strain. This increase is modeled with a time constant
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ci. The above thus leads to an evolution equation for x,

ẋ =
⎧⎪⎪⎨⎪⎪⎩

−cd (x − x∞) if x > x∞,
−ci (x − x∞) if x ≤ x∞.

(3.5)

The values of x∞ at which the NSP levels off are related to the imposed strain,
x∞ = x∞ (γ (t)). An expression for this function is found by observing the values
of the NSP at the end of each strain step during the LAOS protocol, illustrated by
the circles in figure 3.3b. These values are not necessarily the steady-state value
that x would reach if the strain amplitude is imposed for a longer period than 60
seconds. Nevertheless they provide useful information about the expression that the
equation for x∞ should have. Requirements are that the expression is non-negative,
independent of the direction of strain and equal to 1 at minimal strain. A suitable
expression for x∞ is,

x∞ = e−a∣γ∣
b

, (3.6)

with a and b fit parameters. The expression for x∞ is shown in figure 3.3b together
with experimental results. The evolution equation for x, fitted to the experimental
data is shown in figure 3.3a.

Strain stiffening

The stiffness of the fibrin network increases with strain during a deformation cycle.
Several physical explanations can be given for this strain-stiffening behavior, such as
entropic stretching (Storm et al., 2005), non-affine deformations (Onck et al., 2005)
and protein unfolding (Brown et al., 2009). In this study, the strain stiffening is
incorporated in the model in a phenomenological way by making the shear modulus
G a function of the strain γ. To obtain an expression based on the experimental data,
the values of the stress at maximal strain during each deformation cycle are used.
When the strain reaches its maximal value during the deformation cycle, the strain
rate is instantaneously zero and the viscous contribution in the Kelvin-Voigt model
vanishes (equation (3.1)). Using equations (3.1) and (3.2), the stress is given by,

τ0 = G00xf (γ0)γ0, (3.7)

with τ0 the stress at maximal strain γ0 and f (γ) a function of the strain that describes
the strain-stiffening behavior. Since all quantities, except f (γ0), are known, equation
(3.7) can be rewritten to,

f (γ0) =
τ0

G00xγ0
, (3.8)

to obtain an expression for f (γ) (figure 3.4a).
The expression for f (γ) should equal 1 at low strain, increase with increasing

strain and be symmetric with respect to strain. Furthermore, it should be a function
of the invariants of the deformation tensor (Macosko, 1994). A function that satisfies
all these criteria, and gives large flexibility with only two parameters, is the function,

f (γ) = (1 + k1γ
2)n1

, (3.9)
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Figure 3.4: The function that describes the increase of the stiffness as function of
the strain (a). The experimental values are shown in colored circles, and the model
description with a dashed line. Panel b shows a single loop illustrating the nonlinear
viscous dissipation as measured (colored line) and modeled (dashed line).

with k1 and n1 as fit parameters. As shown in figure 3.4a, this function describes the
data reasonably well.

Nonlinear viscous dissipation

The viscous dissipation changes throughout a deformation cycle, illustrated by the
broadening of the Lissajous-Bowditch plots with increasing strain (figure 3.4b). This
feature is incorporated in the model by making the viscous contribution an increasing
function of the strain,

η = η0g (γ) , (3.10)

with η0 the viscosity at minimal strain, and g (γ) the function describing the strain
dependency. The same expression as used to describe the strain stiffening is chosen,

g (γ) = (1 + k2γ
2)n2

, (3.11)

with k2 and n2 fit parameters.

3.3.2 Overview of the constitutive model

Combining the above, the constitutive model reads,

τ = G00x (1 + k1γ
2)n1

γ + η0 (1 + k2γ
2)n2

γ̇ (3.12)

ẋ =
⎧⎪⎪⎨⎪⎪⎩

−cd (x − x∞) if x > x∞,
−ci (x − x∞) if x ≤ x∞,

(3.13)

x∞ = e−a∣γ∣
b

, (3.14)
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with cd, ci, a, b, k1, n1, k2 and n2 fit parameters that are obtained from the data
using a stepwise fitting procedure as explained next.

3.3.3 Numerical procedures and parameter optimization

The constitutive model contains eight fit parameters that are used to describe the non-
linear phenomena observed in the Lissajous-Bowditch plots. The evolution equation
for the NSP, x, contains four parameters, cd, ci, a and b. The function used to describe
strain stiffening contains two parameters, k1 and n1, similarly to the function that
describes the viscous dissipation, k2 and n2. These parameter sets are determined in
three consecutive steps, based on the first LAOS sequence and the subsequent SAOS
measurement of two hours. This parameter set is then used to study the predicting
capabilities of the model using the second LAOS sequence. A flow chart of the fitting
procedure is shown in figure 3.5, where experimental values are denoted by a subscript
e and model values by m.

The strain and stress signals obtained during an experiment are analyzed using
an algorithm implemented in MATLAB (The MathWorks, Natick, MA). First, values
for the (linear) shear modulus G00 and viscosity η0 are obtained from the elastic
and viscous modulus as described in chapter 2, using the data from the strain of
0.01 at the beginning of the LAOS sequence. Subsequently, for every deformation
cycle the maximum strain amplitude γ0, the corresponding stress τ0, the zero strain

modulus G0 and the stresses at 1
2
γ0 and

√

2
2
γ0 are determined. The values of G0 are

used to determine the NSP from the experimental data, denoted by xe, to which the
evolution equation for the NSP is fit. The NSP describes the decrease of the modulus
during the LAOS deformation and the recovery afterward. To avoid that the SAOS
measurement of two hours dominates the fitting procedure it is given a relative weight
of 0.01 compared to the six measurements of 60 seconds each of the LAOS sequence.
In this way, values for the parameters cd, ci, a and b are obtained.

Using the obtained NSP and the values for τ0, γ0, the strain-stiffening function
fe (γ) is determined for every cycle and used to find the parameters k1 and n1 in
a second fitting step. Finally, the parameters that describe the nonlinear viscous
dissipation k2 and n2 are determined by calculating the stress at strains of 1

2
γ0 and

√

2
2
γ0 and comparing them with the respective experimental stresses. The strains

of 1
2
γ0 and

√

2
2
γ0 are chosen because at those values the viscous contribution to the

stress, and the stress itself, are relatively large.
The three fitting procedures are performed using the nonlinear least-squares solver

lsqnonlin with a trust-region-reflective algorithm as implemented in the Global Opti-
mization Toolbox of MATLAB. The fitting procedures are performed multiple times
with initial parameter values chosen randomly from a broad interval using the Mul-
tistart algorithm. In this way, it is avoided that local minima are found.

3.3.4 Sensitivity analysis

The constitutive model developed contains eight parameters that are estimated us-
ing experimental data. To get a deeper insight into the sensitivity of the model to
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Figure 3.5: Flowchart of the parameter optimization process.
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these parameters, a sensitivity analysis is performed. A global variance-based method
(Sobol, 2001) is applied here, that considers the total output variance and determines
the contribution of each model parameter to this variance by itself and through in-
teractions with other parameters. These contributions are expressed as sensitivity
indices that are estimated using Saltelli’s method (Saltelli, 2002). A sensitivity index
is the contribution of a parameter to the variance of that output, relative to the total
variance of the output. For every output, two sensitivity indices for every parameter
are defined. The main sensitivity index, Si, quantifies the direct influence of parame-
ter i on the output, whereas the total sensitivity index, STi , describes this main effect
but in addition also the influence on the output due to all higher-order contributions
in which parameter i is involved (Huberts et al., 2014). The main index can be used
to show which parameters are most rewarding to determine more accurately, while the
total index shows which parameters could be fixed. More details about this method
can be found elsewhere (Saltelli, 2002, Huberts et al., 2014).

The output quantities, on which the influence of the variance for each parameter is
obtained, are inspired by the three main features observed in the nonlinear viscoelastic
response of the fibrin network. The first output quantifies the softening effect, and
is defined as the relative decrease of the stress at maximal strain during the strain
interval with amplitude, γ0 = 1,

Oso =
τmax − τmin

τmax
, (3.15)

with τmax and τmin the maximal stress during the first and last full cycle, respectively
(figure 3.6a).

Strain stiffening is quantified using the maximal stress during this interval, which
occurs at the maximum strain amplitude of the first full cycle, τmax. This value is
normalized with the low-strain modulus of the virgin network G00,

Oss =
τmax
G00

. (3.16)

The third output quantifies the nonlinear viscous dissipation and is defined as the

difference between the stresses at γ =
√

2
2
γ0 for the increasing and decreasing part of

the first full cycle of the interval with γ0 = 1,

Ovi = τup − τdown, (3.17)

with τup and τdown the corresponding stresses as shown in figure 3.6b.
The outputs defined above are obtained using a parameter set drawn from a speci-

fied uncertainty range using Latin hypercube sampling (Saltelli, 2002). The parameter
range is based on the values found from the results of three networks that have poly-
merized for two hours, and defined as the mean values ± two standard deviations of
this parameter set. The analysis is based on 5 ⋅ 104 model runs, which is five times
the minimum advised for a model with eight parameters (Saltelli, 2002).
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Figure 3.6: Illustration of the stresses that are used for the outputs of the sensitivity
analysis. Softening is quantified using the decrease of the stress during the strain
interval (a). Stiffening is quantified using the maximal stress τmax. The output for
the nonlinear viscous behavior is the difference between the stresses at the strain
γ =

√

2
2
γ0 (b).

3.4 Results

In this section, results are presented to illustrate the performance of the model. Rep-
resentative results are shown for one sample and discussed in detail. Parameter values
of multiple samples are shown to illustrate the variation between samples. The model
is first used to describe the first LAOS sequence and the recovery that takes place
during the following two hours. Subsequently, the parameter set obtained is used
to predict the outcome of the second LAOS sequence. Finally, the model is used to
describe the response for networks that have polymerized for one hour instead of two
hours, to study the influence of the presence of cross-links created by fXIIIa.

3.4.1 Describing LAOS results

The experimental and numerical results for the LAOS sequence are shown in figure
3.7 for the stress in time (panel a,b) and as Lissajous-Bowditch plots (panel c,d).
The three nonlinear features observed in the experimental results, being softening,
strain stiffening and nonlinear viscous dissipation, are all described accurately by the
model. The maximal stress values during a deformation cycle agree well, including
the softening effect that occurs over multiple deformation cycles, also visible from the
NSP during the LAOS sequence already shown in figure 3.3a. The nonlinear viscous
dissipation is present in the model and agrees qualitatively with the experimental
result, although there is room for improvement.

After the LAOS sequence, a SAOS deformation is imposed for two hours to be
able to observe the recovery of the network during this period. The results of this
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Figure 3.7: Experimental results of the first LAOS sequence (a,c) and the corre-
sponding model description (b,d). Both the stress in time (a,b) and the Lissajous-
Bowditch plots (c,d) show that the model captures the nonlinear viscoelastic behavior
of the fibrin networks that have polymerized for two hours.

measurement are shown in terms of the NSP, x, in figure 3.8a. Both the experimentally
and numerically determined x increase in time. The model describes an exponential
increase, while experimentally, a fast initial rise is followed by a slower increase. A
more advanced kinetic equation could improve this but this has no priority for this
study.
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Figure 3.8: The NSP, x, in time illustrates the increasing stiffness following the
LAOS deformation. Experimental results are shown in colors, with the model de-
scription as dashed lines. Results are shown for networks that polymerized for two
hours (a) and one hour (b).

3.4.2 Predicting LAOS results

The parameter set found by fitting the model to the first LAOS sequence and the
subsequent recovery, as described in the previous section, is used to predict the out-
come of the second LAOS sequence. The results shown in figure 3.9 show that the
stress during the second LAOS sequence is qualitatively the same as during the first
sequence, but the maximal stress values during the cycles are slightly lower. The
model describes this behavior well, but overestimates the maximal stress values.

3.4.3 Influence of fXIIIa

To study the influence of cross-links created by fXIIIa, the same LAOS sequence as
used before is applied to networks that have polymerized for one hour instead of two
hours.

Qualitatively the results are the same as for the networks that polymerized for two
hours, and the model describes this well (figure 3.10). A difference is that the network
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Figure 3.9: Experimental (a,c) results of the second LAOS sequence. The model
results (b,d) are obtained using the parameters obtained from a model fit to the first
LAOS sequence. This shows that the model can describe the second LAOS sequence
using the same parameters that describe the first LAOS sequence.

that has polymerized for one hour reaches a higher stress during the LAOS sequence
(170 vs 110 Pa), while the difference between the low strain modulus before the LAOS
sequence is smaller (11.6 vs 8.4 Pa). The model overestimates the maximal stress for
the largest strain amplitude by 11% but the agreement is better for the lower strains,
e.g. 7 % for a strain amplitude of 0.75.

The recovery after the LAOS sequence, also visible in the network that has poly-
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Figure 3.10: Results of a fibrin network that has polymerized for one hour instead
of two show the influences of cross-links created by fXIIIa. Experimental results (a,c)
show that these networks strain stiffen more than their counterparts which is well
described by the model (b,d).

merized for one hour, shows similar behavior as discussed before but increases faster
(figure 3.8b).

The observations that the networks that have polymerized for one hour show more
strain stiffening and recover faster also follows from the parameter values found by
the model. Figure 3.11 shows the values for the eight parameters of the model for
the networks that polymerized for two hours (red) and one hour (yellow), for three



Model for the time-dependent, nonlinear stress response of fibrin 49

samples of each condition and the mean value with standard deviation. The parame-
ters that describe the strain stiffening are k1 and n1. Although there is considerable
variation between samples it is clear that the values of k1 are higher for the networks
that polymerized for one hour. An exception to this is sample 1, which has a relatively
low value of k1 but this is balanced by a high value for n1, which also implies more
strain stiffening.

The faster increase after the LAOS sequence is described by the parameter ci.
This parameter indeed has a higher value for the networks that polymerized for one
hour, indicating that they recover faster from the LAOS sequence.

A third difference that is visible from the parameter values is the nonlinear viscous
dissipation, described by k2 and n2. The networks that polymerized for two hours,
have lower values for k2 (4.5 vs 26) and higher values for n2 (1.9 vs 1.1). The result is
that the viscous contribution increases more with increasing strain for the networks
that have polymerized for one hour, which is not directly visible from the Lissajous-
Bowditch plots.

3.4.4 Sensitivity analysis

A sensitivity analysis is performed to assess how the parameters influence the output
uncertainty of the three defined outputs. For every output, the contribution of the
parameters to the variance of the outputs is determined. These contributions are
shown as a main effect, Si and a total effect, STi (figure 3.12).

The variance of the output related to softening, Oso, is to a large extent determined
by the parameters a, cd and ci, as shown by their large contributions of both the main
and total indices (figure 3.12). This is reasonable because these parameters are used
to describe the NSP (x) that governs the softening behavior. However, the parameter
that is involved in strain stiffening, k1, also has a relatively large contribution to the
softening.

As expected, the variance of the output for the strain-stiffening behavior, Oss,
is dominated by the parameters that describe stiffening, k1 and n1. The sum of the
main indices is less than one, which is an indication that higher-order effects contribute
significantly to the total variance (Huberts et al., 2014). This is also shown by the
relatively high values of the total indices in comparison with the main indices.

The variance of the output related to the nonlinear viscous dissipation, Ovi, is for
a large part determined by the parameter k2 that describes this behavior, but also
for a large portion by k1, and n1 that describe the strain-stiffening behavior.

3.5 Discussion

The constitutive model proposed in this study describes the behavior of the fibrin
networks during a LAOS deformation. Using the Lissajous-Bowditch plots, three
nonlinear viscoelastic features have been distinguished and are subsequently incorpo-
rated in a Kelvin-Voigt model. Although the features are modeled in a phenomeno-
logical way, it is possible to relate them to structural changes in the network. The
softening observed during the LAOS sequence originates from the semi-permanent
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Figure 3.11: Parameter values obtained by fitting the model to experimental results
for networks that have polymerized for two (red) or one (yellow) hour. Results of three
independent measurements are shown per condition (1,2,3), together with the mean
value (m). The errorbar indicates the standard deviation. The parameter values
illustrate that the networks that polymerized one hour show more strain stiffening
(k1, n1), faster recovery after the LAOS sequence (ci) and more viscous dissipation
(k2, n2) than the networks that polymerized two hours.

elongation of fibers due to the imposed deformation (Münster et al., 2013). During
a repeating deformation, fibers become longer in the rest state, leading to a lower
stiffness when the same deformation is reached again. This process explains why the
NSP, that relates the deformation history to the stiffness of the network, decreases
during an increasing strain. Fibers become longer during the deformation but this
effect disappears when all fibers have adapted to the current strain, which explains
why the NSP levels off to a values corresponding with that strain. Besides, it might
be possible that breakage of connections between fibers occurs, which can also lead
to an exponential decrease of the stiffness (Abhilash et al., 2012). Both lengthening
of fibers and breakage of connections is inhibited by the cross-links created by fXIIIa
(Münster et al., 2013). This can explain why the parameters b and cd that describe
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Figure 3.12: The three outputs used for the sensitivity analysis quantify the soft-
ening Oso, strain stiffening Oss and viscous Ovi effects. The main index, Si, shows
the contribution of a parameter to the variance of an output, while the total index,
STi illustrates the higher-order contributions interactions with other parameters.

the decrease of the NSP and the corresponding timescale, respectively, have slightly
higher values for the samples that polymerized for one hour instead of two.

During the SAOS experiment that follows the LAOS sequence, the stiffness of the
network increases. Experimentally, two timescales are observed. A fast initial rise in
stiffness is followed by a slower increase for a longer time. The latter is attributed to
the creation of cross-links by fXIIIa (Ryan et al., 1999, Lorand, 2005) while the former
might be caused by fibers that have the opportunity to become shorter again due to the
smaller deformation. Recently, it has been shown that the fibrin network is a dynamic
structure and that parts of fibers rearrange within the network (Chernysh et al., 2012).
This remodeling might take place and can explain the increase in stiffness, and also
why this happens on a slower timescale when fXIIIa is present since the creation of
cross-links decreases the amount of rearrangements (Chernysh et al., 2012). Both
phenomena could be incorporated in more detail using more structural information
but this is considered outside the scope of the current study.

Fibrin networks show a remarkable amount of strain stiffening (Storm et al., 2005,
Onck et al., 2005, Brown et al., 2009, Piechocka et al., 2010, Weigandt et al., 2011)
which is modeled here as an increase of the shear modulus as function of the strain.
Several mechanisms have been suggested to explain the origin of this stiffening, in-
cluding entropic stretching (Storm et al., 2005), non-affine deformation of fibers (Onck
et al., 2005) and protein unfolding (Brown et al., 2009). It is expected that a com-
bination of these mechanisms takes place (Piechocka et al., 2010, Weigandt et al.,
2011).

The relation between mechanical and structural properties of the fibrin network
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has been studied under various conditions (Brown and Barker, 2014). The fibers
within the network align and subsequently stretch due to an increasing deformation
(Brown et al., 2009). Using a computational analysis, it has been shown that the
individual fiber properties and their alignment can be related to the stiffness of the
network (Kim et al., 2011). Further structural clues can be obtained by the behavior of
the fibrin network under compression, where the network first softens due to buckling
and bending of fibers, followed by stiffening due to a densification of the network at
larger compressions (Kim et al., 2014). Such structural information can be used to
extend the model and describe the mechanical properties of the fibrin network based
on its structure. However, the current phenomenological description already shows
satisfying results and more complexity is not wanted in view of the desired application
of advanced numerical simulations of blood clot formation (Storti et al., 2014).

The constitutive model is used to describe the behavior of the fibrin network during
a LAOS deformation and the increasing stiffness observed afterward. The results show
that during these two hours, a relatively fast increase of the stiffness is followed by a
more gradual increase. These two effects, attributed to fiber remodeling and creation
of cross-links, respectively, are not described by the model explicitly, since a single
time constant is used. This explains why the description of the stiffness during this
phase is relatively poor compared to the description during the LAOS deformation.
However, the model is such that it can easily be extended to better describe this
phase, but this has not been done here to focus on the nonlinear mechanical behavior
of the fibrin network during the LAOS sequence.

The model developed contains eight fit parameters. The values for these parame-
ters are found in three separate fitting procedures, using the data of the entire LAOS
deformation. Therefore, an obtained parameter set describes the LAOS experiment as
a whole and is not necessarily the best parameter set to describe a single deformation
cycle. However, as shown in figure 3.4b, the agreement for a single cycle is reasonably
well.

A sensitivity analysis has been performed to study the influence of variations in
parameter values. For three outputs, related to the three observed nonlinear features,
the contribution of every parameter to the variance of this output is determined. The
expectation that the parameters used to model one of the effects have the largest
influence on the output of this effect is confirmed. An example is that the parameter
k1 and n1, used to describe strain stiffening, have the largest contribution to the
variance of the output Oss. However, it is also found that interactions exist between
the three effects. An example is that the parameters for the strain-stiffening behavior
have a large contribution to the output Ovi that quantifies the nonlinear viscous
dissipation. Two parameters, b and n2 have small contributions to all the outputs as
shown by small total indices (figure 3.12). This is an indication that they could be
fixed within their uncertainty interval.

In this study, a LAOS deformation is used to study the nonlinear viscoelastic prop-
erties of fibrin. Other protocols could have been used, such as strain ramps (Schmoller
et al., 2010) or prestress (Piechocka et al., 2010). An advantage of the LAOS deforma-
tion used here is that it mimics the large oscillatory deformation occurring in blood
vessels. Furthermore, the analysis in terms of Lissajous-Bowditch plots applied here
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illustrates that this method can be used to distinguish various nonlinear effects that
occur. The model is developed such that it can describe any arbitrary deformation
history because it uses the time-dependent strain as an input. Therefore, the model
could be used to describe other deformation protocols as mentioned above as well.

The model developed works well in describing the nonlinear behavior of the fibrin
networks. The model is flexible and can easily be adapted to describe the mechanical
behavior of other biopolymers that show similar behavior such as collagen (Kurniawan
et al., 2012, Münster et al., 2013), hagfish slime (Ewoldt et al., 2011), keratin filaments
(Ma et al., 1999), gluten gel (Ng et al., 2011) and also soft tissues such as skin (Lamers
et al., 2013). Although the mechanical behavior of these materials is complex, the
model is deliberately kept simple to make it suitable for numerical simulations of
blood clot formation (Storti et al., 2014) and to combine it with the model for fibrin
network maturation described in chapter 2.

3.6 Conclusion

A constitutive model has been developed to describe the time-dependent, nonlinear
viscoelastic behavior of fibrin networks. The model is developed using experimental
results of a LAOS deformation and describes the observed softening, strain stiffen-
ing and increasing viscous dissipation that occur during multiple deformation cycles.
Furthermore, an increase in stiffness that takes place after the LAOS deformation is
captured. The model is able to describe all these features and its generality makes it
suitable to be applied to other materials showing similar behavior.
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Chapter 4

The influence of HEPES
buffer on the structural

properties of fibrin networks

Abstract

The fibrin network plays an important role during blood clot formation and wound
healing. Its remarkable mechanical properties make it furthermore a suitable scaffold
material for tissue engineering and applications such as fibrin sealants. For all these
cases it is beneficial to be able to control the structure of the fibrin network. In
this study the, so far unknown, influence of the concentration of HEPES buffer on
fibrin network formation is studied using a combination of experimental techniques.
Rheometry is used to follow the mechanical properties during network formation.
Results show a subtle influence of the HEPES concentration, suggesting that more
HEPES leads to a lower stiffness at small strains. The nonlinear strain-stiffening be-
havior, probed using differential prestress measurements, does not vary substantially
with HEPES concentration. Turbidimetry is used to measure the mass-length ratio,
and hence the number of protofibrils per cross-section of the fibers. It is found that
a network formed at a higher HEPES concentration has thinner fibers. This result
is confirmed by confocal microscopy images. Based on a theoretical model, a scaling
analyses of the rheometry and turbidimetry data is used to show how the coupling
between protofibrils is influenced by the HEPES concentration. Results of this study
suggest that an increasing HEPES concentration leads to softer fibrin networks with
thinner fibers. However, the mechanism how HEPES influences the fibrin network
formation is not clear yet. Suggestions are made for experiments that can help to the
unraveling of this remarkable, yet as far as we know never published, phenomenon.

The contents of this chapter are based on: T.H.S. van Kempen∗, N.A. Kurniawan∗, S. Sonneveld,
K.A. Jansen, B.E. Vos, T.T Rosalina, G.W.M. Peters, F.N. van de Vosse, and G.H. Koenderink.
The influence of HEPES buffer on the structural properties of fibrin networks. In preparation.
∗Authors contributed equally.
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4.1 Introduction

The fibrin network plays a major role in the process of blood clot formation by
providing strength to the blood clot and is also important during wound healing
(Laurens et al., 2006, Janmey et al., 2009). Furthermore, its remarkable mechanical
properties make it a suitable material for various applications such as scaffold material
for cell culture (Brown et al., 2009, Potier et al., 2010, Jansen et al., 2013) and
sealant during operative procedures (Albala and Lawson, 2006). This implies that
it is important to understand the properties of fibrin from both a theoretical and
practical point of view.

Fibrin forms upon the cleavage of two peptides from its precursor fibrinogen, en-
zymatically catalyzed by thrombin. After the removal of fibrinopeptide A (FpA), the
fibrin molecules can form a two-stranded structure known as a protofibril. Simultane-
ously, but at a slower rate, FpB is removed upon which the protofibrils can aggregate
to form the fibers that branch and eventually form the fibrin network (Weisel and
Litvinov, 2013).

The structure of the fibrin network is influenced by many factors, including the
concentration of fibrinogen, thrombin, calcium, fluoride, chloride but also pH and
ionic strength (Ferry and Morrison, 1947, Stasio et al., 1998, Ryan et al., 1999, Ferri
et al., 2002, Missori et al., 2010, Yeromonahos et al., 2010). Although the majority of
these factors is relatively constant in the in-vivo situation, they can be used to study
properties of the fibrin network in-vitro. An example is that at high pH (8.5) and
ionic strength (0.45) the fibers that form are only a few protofibrils thick, forming
a so-called fine network as opposed to the coarse network with fibers consisting of
hundreds of protofibrils that forms under physiological pH (7.4) and ionic strength
(0.15) (Ferry and Morrison, 1947, Bale and Ferry, 1988, Piechocka et al., 2012, van
Kempen et al., 2014).

A, so far unknown, factor that influences the fibrin network formation is the con-
centration of HEPES in the buffer in which the proteins are dissolved. HEPES,
the trivial name for 4-(2-hydroxyethyl)piperazine-1-ethanesulfonic acid, is an organic,
zwitterionic buffering agent that is used to maintain the desired pH of a solution. It
should thereby not influence the behavior of the dissolved proteins and other sub-
stances (Good et al., 1966). However, preliminary experiments showed that the
concentration of HEPES did influence the properties of the fibrin network. Since
HEPES is a commonly used buffering agent for fibrin and many other proteins (Good
et al., 1966) this is an important issue to resolve. Furthermore, the concentration of
HEPES might provide an opportunity to control the structure of the fibrin network
while maintaining physiological conditions which is e.g. important for cell culture
applications (Potier et al., 2010, Jansen et al., 2013). Also, understanding the mech-
anism by which HEPES influences the structure of the fibrin network may provide
further insight in both fibrin network formation and the influence of buffering agents
in general. Therefore, in this study the influence of HEPES buffer concentration is
studied in more detail using a combination of experimental techniques.

Fibrin networks with different fibrinogen concentrations are formed in buffers con-
taining different concentrations of HEPES. The properties of the network are studied
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experimentally using rheometry, turbidimetry and microscopy. A theoretical model
is used to provide further insights into the experimental data. Analysis of the exper-
imental data shows the influence of HEPES on fibrin network formation and possible
directions for further research that are required to unravel the mechanism behind this
phenomenon.

4.2 Materials and methods

4.2.1 Sample preparation

Fibrinogen and thrombin (both from Kordia, Leiden, the Netherlands) are dissolved in
water, aliquoted and stored at −80○C. Before an experiment, fibrinogen is thawed and
dissolved at a concentration of 0.5, 3 or 6 mg/ml in a buffer solution containing 20, 100
or 200 mM HEPES, pH 7.4, 135 mM NaCl and 5 mM CaCl2. Fibrin network formation
starts after the addition of 0.5 U/ml thrombin (final concentration) dissolved in a
buffer solution with the corresponding HEPES concentration and 5 mM CaCl2.

4.2.2 Rheometry

After addition of thrombin, the sample is quickly transferred to the stainless steel
cone-plate geometry (25 mm diameter, 1○ cone angle) of a stress-controlled rheometer
(MCR501; Anton Paar, Graz, Austria) to measure the mechanical properties of the
fibrin network. A small amplitude oscillatory shear deformation is imposed with
an amplitude of 0.01 and a frequency of 1 Hz for two hours to follow the network
formation in time. The time between the addition of thrombin and the start of the
measurement is measured and taken into account in the data analysis.

Results are reported in terms of the elastic (G′) and viscous (G′′) modulus. The
measurements are performed at 37○C and sample evaporation is minimized by ap-
plying a layer of mineral oil at the sample edge. Results show averages of three
experiments.

After two hours of network formation, when the viscoelastic moduli are constant,
the nonlinear viscoelastic properties of the fibrin network are probed using a differ-
ential prestress protocol (Gardel et al., 2004, Broedersz et al., 2010, Piechocka et al.,
2010) in which an oscillatory stress δσ with amplitude δσ0 is superimposed on a
steady prestress, σ0, leading to an oscillatory strain δγ. The value of σ0 is increased
from 0.1 to 10000 Pa in 25 steps of 60 seconds each. The oscillatory stress has an
amplitude δσ0 = 0.1σ0 and a frequency f = 1 Hz. Results are analyzed in terms of the
elastic differential modulus (K ′) that follows from the complex differential modulus
K* = δσ/δγ. Note that for small σ0 the elastic differential modulus K ′ equals the
elastic modulus G′.

4.2.3 Turbidimetry

Turbidimetry is used to measure the mass-length ratio µf of the fibers within the
network (Carr Jr. and Hermans, 1978, Yeromonahos et al., 2010). Samples are pre-
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pared in a cuvette and allowed to polymerize within a Lambda 35 spectrophotometer
(Perkin Elmer, Groningen, the Netherlands) for two hours at 37○C. During this pe-
riod, the turbidity τ of the sample is measured every two minutes at wavelengths λ
between 500 and 800 nm. The mass-length ratio is obtained as described in chapter
2, by plotting τλ5 versus λ2, which yields a line, the slope of which relates to the
mass-length ratio µf . The intersection with the y-axis relates to the fiber radius, r.

Using the mass-length ratio of a fiber, the number of protofibrils per fiber cross-
section, N , is determined using the mass-length ratio of a protofibril µf,p which has
a value of 1.5 ⋅ 1011 Da/cm since each fibrin molecule has a molar mass of 340 kDa
and contributes 22.5 nm to the length of the protofibril (Fowler et al., 1981). The
mass-length ratio in combination with the radius can be used to determine the protein
density of the fibers, δ, since (Carr Jr. and Hermans, 1978),

µf = πδr2. (4.1)

4.2.4 Microscopy

Fibrin networks are visualized with confocal fluorescence microscopy. Unlabeled fib-
rinogen is mixed in a 1:20 molar ratio with fluorescently labeled fibrinogen (Oregon
Green 488; Invitrogen, Bleijsweik, the Netherlands). Networks are formed in sealed
chambers for two hours at 37○C and subsequently visualized using a confocal fluores-
cence microscope with a 100x oil-immersion objective, as described before (Kurniawan
et al., 2014). Representative images are taken at least 25µm from the sample edge
and shown as a maximum intensity projection of a z-stack.

4.2.5 Theoretical model

To provide further insights into the results of the rheological measurements, a theo-
retical model for semiflexible biopolymer networks is used that estimates the shear
modulus of fibrin networks at low stress (MacKintosh et al., 1995, Piechocka et al.,
2010) The same model has been used in chapter 2. The model assumes that the
network is isotropic and deforms affine, and relates the entropic deformation of indi-
vidual fibers to the shear modulus of the network. A similar scaling analysis has been
applied before (Piechocka et al., 2012).

The model estimates the shear modulus of a fibrin network as,

G0 =
6kBTρl

2
p

l3c
, (4.2)

with kB the Boltzmann constant, T absolute temperature, ρ the fiber length density,
lp the persistence length and lc the fiber contour length between cross-links. This
length scale lc, representing the fiber length between cross-links or entanglements

within the network, scales as lc ∼ l1/5p ρ−2/5 (MacKintosh et al., 1995, Piechocka et al.,
2012), which gives in combination with equation (4.2),

G0 ∼ ρ11/5l7/5p . (4.3)
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An alternative scaling relation is found by assuming that the contour length equals the
mesh-size, the distance between fibers, within the network (MacKintosh et al., 1995,
van Kempen et al., 2014), lc = ξ = 1/√ρ, which gives in combination with equation
(4.2),

G0 ∼ ρ5/2l2p. (4.4)

The persistence length of the fibers, lp, is related to the persistence length of the
protofibrils, lp,p, and the number of protofibrils, N (Claessens et al., 2006),

lp = Nαlp,p, (4.5)

with α a constant between 1 and 2 that takes into account the tightness of the coupling
between protofibrils. The lower limit corresponds to loosely coupled protofibrils that
bend independently, while the upper limit corresponds to tightly bound protofibrils
within a fiber. Both the loose and tight coupling have been applied to fibrin (Piechocka
et al., 2012, van Kempen et al., 2014).

Values for α are estimated using the equations above. For the case in which

lc ∼ l1/5p ρ−2/5, combining equations (4.3) and (4.5) yields,

G0 ∼ ρ11/5N7α/5, (4.6)

which implies that a double logarithmic plot of G0/ρ11/5 versus N7/5 should be a line
with slope α.

Similarly, for the case in which lc = 1/√ρ, a combination of equations (4.4) and
(4.5) gives,

G0 ∼ ρ5/2N2α, (4.7)

which implies that a value for α can be obtained using a double logarithmic plot of
G0/ρ5/2 versus N2.

Values for G0 are obtained from the prestress measurements, where the elastic
differential modulus at a stress of 0.45 Pa is used as G0. Values for N are found from
the turbidity data as explained in section 4.2.3, while values for ρ are obtained using
the mass-length ratio µf and the fibrinogen concentration cfg, ρ = cfg/µf (Carr Jr.
et al., 1977, van Kempen et al., 2014). Using these experimentally determined quan-
tities, both scaling relations (4.6) and (4.7) can be used to investigate the influence
of HEPES buffer on the mechanical properties of the fibrin network, or more precise,
the coupling between protofibrils in terms of α.

The above applies to the shear modulus at low stress. For high stress, a suitable
scaling analysis is to normalize both the prestress σ0 and the elastic differential modu-
lus K ′ by the density of protofibrils ρp = Nρ (Piechocka et al., 2010, 2012). A collapse
of the data at high stress for different fibrinogen concentrations, forms an indication
that the force per protofibril is independent of the amount of protofibrils, and hence
that the protofibrils contribute independently to the stiffness of the network i.e. they
are loosely coupled at high stress.
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4.3 Results

In this section the results of the various experiments are presented. Fibrin networks
are formed with three fibrinogen concentration (1, 3 and 6 mg/ml) in buffers with
three HEPES concentrations (20, 100, 200 mM), giving a total of nine conditions that
are studied using rheometry, turbidimetry, microscopy, and a theoretical model.

4.3.1 Rheometry

The mechanical properties during the network formation are followed in time by im-
posing a small amplitude oscillatory shear deformation. Both the elastic and viscous
modulus increase in time and the values increase with fibrinogen concentration (figure
4.1). Except for the first few moments, the elastic modulus (G′) has higher values
than the viscous modulus (G′′) for all conditions, which indicates the dominating elas-
tic behavior of the fibrin networks as seen in chapters 2 and 3. Neither the fibrinogen
nor the HEPES concentration influence the timescale of the network formation, il-
lustrated by the collapse onto a single curve of G′ normalized by its value after two
hours, as shown on a log-log scale in the inset of figure 4.1a.

To study the influence of HEPES in more detail, the elastic modulus after two
hours of network formation is plotted versus fibrinogen and HEPES concentrations
in figure 4.2. The HEPES concentration does influence the elastic modulus, which
is best visible for the highest fibrinogen concentration (6 mg/ml, figure 4.2a). For
the lowest concentration (1 mg/ml) the influence is less obvious, while for the middle
concentration (3 mg/ml) no trend is visible. When the moduli for all HEPES con-
ditions are merged, a power-law relation with fibrinogen concentration is found with
an exponent of 2.4, within the expected range of 2.2-2.5 (MacKintosh et al., 1995,
Piechocka et al., 2010, van Kempen et al., 2014). Plotting the moduli versus HEPES
concentration (figure 4.2b) shows a decreasing trend for the highest fibrinogen con-
centration, while for the lower fibrinogen concentrations the 100 mM buffer gives the
highest elastic modulus.

After two hours of network formation, a prestress measurement is performed.
The values of the elastic differential modulus K ′ versus the prestress σ0 are shown
in figure 4.3. Results are qualitatively the same for all HEPES conditions and are
therefore discussed in detail for the 20 mM HEPES buffer only. The elastic differential
modulus increases with prestress, illustrating the strain-stiffening behavior of the
fibrin network. During this increase, different stiffening regimes are visible, especially
for the high fibrinogen concentration. These regimes are less pronounced when the
HEPES concentration increases. The low-stress values of K ′ vary but they correspond
to the values of the elastic modulus after two hours of network formation as shown
in figure 4.2 and hence show the same trends.

4.3.2 Turbidimetry

Turbidity measurements are used to asses the mass-length ratio, µf , and the radius,
r, of the fibers. The mass-length ratio decreases with fibrinogen concentration from
3 ⋅ 1013 to 6 ⋅ 1012 Da/cm for the fibrin networks formed in a buffer of 20 mM HEPES
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Figure 4.1: The elastic (a) and viscous (b) modulus in time for networks formed
with 1 (◯), 3 (◻) or 6 (◇) mg/ml fibrinogen in a buffer containing 20 (purple), 100
(red) or 200 (yellow) mM HEPES. The inset of panel a shows the normalized elastic
modulus versus time on a log-log scale.

(figure 4.4a). The networks formed at higher HEPES concentration show the same
trend, but with much lower mass-length ratios. The same behavior is visible in the
corresponding number of protofibrils N , that varies over a broad range between 185
and 5 protofibrils (figure 4.4b). The evolution of N in time shows no remarkable
variations between the different experimental conditions (figure 4.4c).

The radius of the fibers varies between 90 and 130 nm and decreases with HEPES
concentration, except for the networks formed with 1 mg/ml fibrinogen (figure 4.5a).
The protein density, derived from the mass-length ratio and fiber radius varies between
0.1 and 0.005 g/cm3 and decreases with both fibrinogen and HEPES concentration
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Figure 4.2: The elastic modulus after two hours of network formation versus fib-
rinogen (a) and HEPES (b) concentration. The moduli increase with fibrinogen con-
centration to the power 2.4 (dashed line). Networks are formed with 1 (◯), 3 (◻) or
6 (◇) mg/ml fibrinogen in a buffer containing 20 (purple), 100 (red) or 200 (yellow)
mM HEPES.

(figure 4.5b).

4.3.3 Microscopy

The microscopy images are shown in figure 4.6 for networks formed with the nine
conditions.

It is appreciable that an increasing HEPES concentration leads to networks with
more, shorter and thinner fibers. For the networks formed with 6 mg/ml in 200 mM
HEPES, the fibers are most likely too thin to be observable. Increasing the fibrinogen
concentration also leads to more, shorter fibers. It appears that the fibers become
thinner with increasing fibrinogen concentration but this cannot be qualitatively as-
sessed with these microscopy results.

4.3.4 Theoretical model

As outlined in section 4.2.5 scaling analyses can be used to the study the mechanical
properties of the fibrin networks at low and high stress. For low stress, two scaling

relations are obtained. The first one, assuming a contour length lc ∼ l1/5p ρ−2/5 predicts
G0/ρ11/5 ∼ N7α/5 . As shown in figure 4.7a, a value of α = 1.7 is found by fitting a
line through the data of all HEPES conditions. This value is close to the upper limit
of 2, that indicates tight coupling between the protofibrils.

A second scaling analysis, assuming lc = 1/√ρ predicts G0/ρ5/2 ∼ N2α. As shown
in figure 4.7b applying this scaling relation to the data gives α = 1.4, which is closer
to the lower limit of 1 that indicates loose coupling. These scaling analyses show that
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Figure 4.3: The elastic differential modulus K ′ versus prestress σ0 for networks
formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml fibrinogen in a buffer containing 20 (purple),
100 (red) or 200 (yellow) mM HEPES.

neither the tight coupling nor the loose coupling limit apply, and that the α values lies
in between these limits. Based on these scaling analyses, it cannot be distinguished
between loose or tight coupling of the protofibrils at low stress. There are differences
visible between the networks formed with different HEPES conditions but no decisive
conclusions can be drawn based on these scaling relations.

Therefore, to study the coupling between protofibrils in more detail, an exact value
for α is determined for every experimental condition using a protofibril persistence
length of 120 nm (Piechocka et al., 2012) in combination with equations (4.2) and

(4.5). This is done for both scaling relations for lc. Assuming that lc ∼ l1/5p ρ−2/5,
gives values of α between 1.5 and 2 (figure 4.7c). The values increase with fibrinogen
concentration and HEPES concentration and are highest for the networks formed in
100 mM HEPES. For a contour length that scales as lc = 1/√ρ the same trends are
found but the values of α are lower and vary between 1.2 and 1.5 (figure 4.7d).

A useful scaling analysis for high stress is scaling both the elastic differential
modulus K ′ and the prestress σ0 with the density of protofibrils ρpf . As shown in
figure 4.8, the data for different fibrinogen concentrations collapse on a single curve
at high stress for all HEPES concentrations. This indicates that at high stress, the
protofibrils contribute independently to the elasticity of the fibrin network i.e. they
are loosely coupled.

To visualize the influence of the HEPES concentration, the same results are plotted
in figure 4.9 grouped per fibrinogen concentration.
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Figure 4.4: The fiber mass-length ratio, µf (a) and number of protofibrils, N (b)
versus fibrinogen concentration. The value for N in time is plotted (c). Networks are
formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml fibrinogen in a buffer containing 20 (purple),
100 (red) or 200 (yellow) mM HEPES.

4.4 Discussion

The influence of HEPES buffer on fibrin network formation is studied using a combi-
nation of experimental techniques and a theoretical model. Based on the experimental
results, it can be said that the concentration of HEPES buffer does influence the fibrin
network formation but combining the outcome of the various experiments does not
lead to a decisive conclusion since the differences between the results of different con-
ditions are subtle. Considering the rheology results, the networks formed at a higher
HEPES concentration have a lower elastic modulus, especially for the highest fibrino-
gen concentration. Measurements at more fibrinogen and HEPES concentrations will
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Figure 4.5: The fiber radius, r (a) and protein density, δ (b) versus fibrinogen
concentration. Networks are formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml fibrinogen in
a buffer containing 20 (purple), 100 (red) or 200 (yellow) mM HEPES.

provide more insight into this effect, e.g. if it is monotonic. The nonlinear prestress
measurements show the strain-stiffening behavior of the fibrin networks, including the
expected regimes for the elastic differential modulus (Piechocka et al., 2010). These
regimes, caused successively by thermal fluctuations, fiber unbuckling, and protein
stretching, are visible for the networks formed in 20 mM HEPES (figure 4.3) and to a
lower extent for the networks formed with a higher HEPES concentration, especially
for the initial regimes. However, the results of the nonlinear measurements do not
discriminate between the networks formed in different HEPES concentrations.

The turbidimetry results are more conclusive than the rheology results and show
that more HEPES leads to thinner fibers. This effect is strongest at low fibrinogen
concentration. Using the radius of the fibers, the protein density has been calculated
which gives values between 0.005 and 0.1 g/cm3. This is very low in comparison with
the typical value of 0.28 g/cm3 (Piechocka et al., 2010), indicating that care should be
taken using the applied methodology to determine the radius. Another measurement
technique like SEM, could be used to independently determine the radius of the fibers.

The microscopy results show that an increasing HEPES concentration leads to
networks with more, shorter, and thinner fibers. A similar trend is observed when the
fibrinogen concentration increases, although the fiber radius cannot be qualitatively
determined from the microscopy images. Nevertheless, both trends are consistent
with the turbidimetry results.

A combination of the rheometry and turbidimetry results is used for a scaling
analysis based on a theoretical model for semiflexible biopolymer networks. For the
low stress shear modulus, this model is used to derive two scaling relations, and
obtain insights into the coupling between protofibrils. Both analyses provided values
for α between the theoretical limits of 1 and 2 that indicate loose and tight coupling,
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Figure 4.6: Confocal microscopy images of fluorescently labeled fibrin networks
formed with different concentrations of fibrinogen and HEPES. The scale bar repre-
sents 10µm.

respectively. This shows that the fibrin networks behave not as one of the limit
cases, but more likely at an intermediate regime. Using a value for the persistence
length of the protofibril, lp,p = 120 nm, enables to calculate values for α for the
different conditions. This shows that an increasing HEPES concentration leads to less
tight coupling between the protofibrils but more experimental results at intermediate
fibrinogen and HEPES concentrations might make this result more decisive.

Although there is an influence of HEPES concentration, it is not clear what the
mechanism is behind this influence. A possible mechanism could be the influence
of salts on the interaction between thrombin and fibrinogen (Pechik et al., 2004,
Schreiber et al., 2009). Another mechanism could be the influence of HEPES on
histidine residues in fibrinogen and/or thrombin, similarly as the mechanism observed
by the polymerization of amyloid fibrils in Alzheimer’s disease (Garvey et al., 2011). A
third option could be an influence of HEPES on the dynamics of the water molecules
that surround the fibrin molecules. Such an influence on water dynamics has been
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Figure 4.7: The low stress shear modulus G0, scaled with the fiber length density
is plotted versus the number of protofibrils N . The slope of the fitted line is the
parameter α that relates to the coupling between protofibrils. This is for the scaling

analysis with lc ∼ l1/5p ρ−2/5 (a) and lc = 1/√ρ (b). An exact value for α is obtained

using a value for the protofibril persistence length of 120 nm and lc ∼ l1/5p ρ−2/5 (c) or
lc = 1/√ρ (d). Networks are formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml fibrinogen in a
buffer containing 20 (purple), 100 (red) or 200 (yellow) mM HEPES.

shown for sugars (Groot and Bakker, 2015). A number of follow-up experiments are
suggested to gain more insights.

Setting the pH After dissolving an amount of buffering agent such as HEPES, the
pH is usually set to the desired value by adding a small amount of a strong base
or acid, in this case NaOH. For the higher HEPES concentrations, more NaOH is
needed to reach the desired pH. Usually the amount of base added is negligible, but
in this situation it is possible that the Na+ and OH− ions contribute significantly
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Figure 4.8: The elastic differential modulus K ′ versus prestress σ0, rescaled by
the protofibril density ρpf for networks formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml
fibrinogen in a buffer containing 20 (purple), 100 (red) or 200 (yellow) mM HEPES.
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Figure 4.9: The elastic differential modulus K ′ versus prestress σ0, rescaled by
the protofibril density ρpf for networks formed with 1 (◯), 3 (◻) or 6 (◇) mg/ml
fibrinogen in a buffer containing 20 (purple), 100 (red) or 200 (yellow) mM HEPES.

to the ionic strength, and thereby indirectly influence the fibrin network formation
(Ferry and Morrison, 1947, Yeromonahos et al., 2010) and the catalysis by thrombin
(Schreiber et al., 2009). This influence can be excluded by adding an equivalent
amount of ions to the lower HEPES concentrations, obviously not being NaOH but
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also Cl−, F− and Ca2+ are not on option because of their known influence on fibrin
(Stasio et al., 1998, Ryan et al., 1999, Missori et al., 2010). Suitable ions are K+,
Na+, H2PO4

− or SO4
2− (Nair et al., 1986).

Temperature It is known that the structural properties of the fibrin network depend
on the temperature during its formation (Ferry and Morrison, 1947, Müller et al.,
1981, Nair et al., 1986). Therefore, the temperature can be used to influence the
network properties which might provide further insights since the networks used in
this study all polymerized at 37○C.

Presence of citrate According to the certificate of analysis obtained from the sup-
plier both the fibrinogen and thrombin stock contain (small) amounts of citrate.
Since citrate is known for chelating calcium ions (which is actually its main applica-
tion in hemostasis research), it is possible that the fibrinogen concentration depen-
dency is influenced by this. To study this, additional amounts of calcium could be
added to the samples with high fibrinogen concentration, to minimize the influence
of the additional citrate.

Fibrinogen complexes Fibrinogen preparations are known to contain fibrinogen
complexes that influence the structure of the fibrin network by impairing the forma-
tion of protofibrils and fibers (Huang and Lord, 2013). Removal of these aggregates,
e.g. by dialysis, is useful to exclude their influence on the network properties and
obtain a better defined initial situation.

Fibrinogen-thrombin ratio In this study, the amount of thrombin is held constant
at 0.5 U/ml. Therefore, the networks formed from the higher fibrinogen concentra-
tions form with relatively less thrombin i.e. a higher fibrinogen-thrombin ratio. This
ratio influences the properties of the fibrin network (Ryan et al., 1999, Yeromonahos
et al., 2010) which might be used to provide further insights.

Buffering agent In this study, the influence of HEPES buffer on fibrin network
formation has been studied, but there are other commonly used buffers such as
Tris (Stasio et al., 1998, Ryan et al., 1999) that could be used. Some research has
been done on the interaction between coagulation proteins and buffers. Coleman
et al. (1983) studied the influence of antithrombin III and plasminogen substrates
in different buffer solutions, and Roberts et al. (1976) investigated the influence of
HEPES on factor V and VIII assays. However, the specific interaction between
HEPES and fibrin has not been studied before. Other buffering agents, e.g. PIPES,
could be used to provide further insights into the mechanism since it is known that
some of them can have an influence on the protein conformation in many different
ways. (Ugwu and Apte, 2004).

Electron microscopy To study the fibrin networks at the nanometer length scale,
electron microscopy (both scanning and transmission) can be used. This will provide
more quantitative insights into the thickness of the fibers under various conditions
(Weisel and Nagaswami, 1992, Brown et al., 2009).
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4.5 Conclusion

From the experiments performed in this study, it can be concluded that the fibrin net-
work formation is definitely influenced by the concentration of HEPES in the buffer
solution. Although the results of the rheological experiments are not conclusive, the
turbidimetry and microscopy data suggest that a higher HEPES concentration leads
to networks with thinner fibers. A scaling analysis based on a theoretical model
suggests that the coupling between protofibrils is influenced by the HEPES concen-
tration.

The mechanism behind the interaction between fibrin and HEPES is not known,
and therefore a number of follow-up experiments are suggested to exclude effects
and provide further insights. The potential application of controlling the structural
properties of fibrin and possibly other proteins using a buffer solution warrants further
research into this puzzling phenomenon.
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A constitutive model for
developing blood clots with

various compositions and
their nonlinear viscoelastic

behavior

Abstract

The mechanical properties determine to a large extent the functioning of a blood clot.
These properties depend on the composition of the clot and have been related to many
diseases. However, the various involved components and their complex interactions
make it difficult at this stage to fully understand and predict properties as a function
of the components. Therefore, in this study, a constitutive model is developed that
describes the viscoelastic behavior of blood clots with various compositions. Hereto,
clots are formed from whole blood (WB), platelet rich plasma (PRP) and platelet
poor plasma (PPP) to study the influence of red blood cells, platelets and fibrin,
respectively. Rheological experiments are performed to probe the mechanical behavior
of the clots during their formation. The nonlinear viscoelastic behavior of the mature
clots is characterized using a large amplitude oscillatory shear (LAOS) deformation.
The model is based on a generalized Maxwell model that accurately describes the
results for the different rheological experiments by making the moduli and viscosities
a function of time and the past and current deformation. Using the same model with
different parameter values enables a description of clots with different compositions. A
thorough sensitivity analysis is applied to study the influence of parameter variations

The contents of this chapter are based on: T.H.S. van Kempen, W.P. Donders, F.N. van de Vosse,
and G.W.M. Peters. A constitutive model for developing blood clots with various compositions and
their nonlinear viscoelastic behavior. Submitted .
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on the model output. The relative simplicity and flexibility make the model suitable
for numerical simulations of blood clots and other materials showing similar behavior.

5.1 Introduction

Blood clot formation is the main process that prevents blood loss after a vascular
injury. However, a malfunction of this process can have dramatic consequences. A
clot that is too strong can occlude a blood vessel leading e.g. to thrombosis or ischemia
of peripheral tissue. On the other hand, a clot that closes the injury insufficiently
leads to excessive bleeding. This shows that the mechanical properties of the blood
clot are a major factor for its functioning (Jackson, 2011, Tran et al., 2013).

The mechanical properties of the blood clot are determined by its structural com-
position (Jen and McIntire, 1982, Shah and Janmey, 1997, Gersh et al., 2009, Undas
and Ariëns, 2011). Clot formation starts when the injured vessel wall or another
thrombogenic surface activates platelets present in the blood. The activated platelets
form a plug that provisionally closes the injury (de Groot et al., 2012). Simultane-
ously fibrinogen, usually an inactive protein in blood plasma, is converted into fibrin
that subsequently forms a network of fibers that gives strength to the platelet plug
(Weisel, 2008). The fibrin network surrounds the platelets, that contract and pull on
the fibers (Jen and McIntire, 1982, Lam et al., 2011). Furthermore red blood cells,
that occupy about 45% of the blood volume, become entrapped in the clot (Gersh
et al., 2009).

The many components that play a role, and their interactions, give the blood
clot its complex mechanical properties that are important for a proper functioning
(Jackson, 2011, Tran et al., 2013). This behavior includes nonlinear viscoelasticity
and depends on the deformation history that the clot has experienced (Shah and
Janmey, 1997, Münster et al., 2013, van Kempen et al., 2015).

The mechanical properties of blood clots in relation to their composition have been
studied experimentally (Dintenfass, 1971, Evans et al., 2006). Various rheological
experiments have shown that the active contraction of platelets within the fibrin
network gives clots a higher stiffness (Glover et al., 1975, Kirkpatrick et al., 1979, Jen
and McIntire, 1982, Shah and Janmey, 1997). On the other hand, the presence of red
blood cells leads to clots with a lower stiffness (Kaibara and Fukada, 1970, Tynng̊ard
et al., 2006, Gersh et al., 2009). It has been shown that the viscoelastic properties
of the blood clot can be used to distinguish healthy and diseased blood (Isogai et al.,
1973, Fukada et al., 1984). The nonlinear viscoelastic properties of the clots are
expected to be important for its functioning and have been studied experimentally
by subjecting them to increasing deformations (Fukada et al., 1984, Burghardt et al.,
1995, Shah and Janmey, 1997, Riha et al., 1999). However, these experiments are
usually analyzed in terms of the linear viscoelastic moduli, which is insufficient to
fully understand this complex behavior (Hyun et al., 2011). Recently it has been
shown that multiple deformation cycles lead to the loss of structural integrity of the
clot (Münster et al., 2013, van Kempen et al., 2015).

To better understand the mechanical properties of the clot in relation to its struc-
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ture, models should be developed that describe these properties as a function of the
components (Xu et al., 2011). Furthermore, such constitutive models are necessary
for numerical simulations of blood clot deformation due to blood flow (Storti et al.,
2014). Such simulations have already shown to provide valuable insights (Anand
et al., 2003, Bodnár and Sequeira, 2008) but lack the correct constitutive law that
governs to a large extent the outcome of such simulations. Therefore, in this study a
constitutive model for the blood clot is developed.

Several models exist that describe the mechanical properties of the components of
the blood clot (Xu et al., 2011). Most of the models focus on the coagulation cascade
(Bodnár and Sequeira, 2008, Anand et al., 2003) or the fibrin network (Riha et al.,
1997, Storm et al., 2005, van Kempen et al., 2014, 2015). The linear viscoelastic
properties of the blood clot have been modeled using ultrasound techniques (Viola
et al., 2004, Schmitt et al., 2011). Models for the intraluminal thrombus in abdominal
aortic aneurysms have been developed (van Dam et al., 2008, Karšaj and Humphrey,
2009) that describe the mechanical properties of the clot during the long timescale
of years. The goal of this study is to develop a model that describes the mechanical
properties of the developing clot, with a typical timescale of hours. Furthermore, the
model should describe the nonlinear viscoelastic properties of the clots and the loss of
structural integrity due to the deformation history. Such a model, that describes both
the developing blood clot and its nonlinear viscoelastic behavior, has to the best of
our knowledge not been developed before. The application of the constitutive model
is in the numerical simulations of blood clot formation to study (patho)-physiological
conditions (Storti et al., 2014) which sets a limitation for the complexity of the model.

The constitutive model is based on experiments in which the mechanical proper-
ties of the blood clot are measured under well controlled conditions. Measurements
are performed on whole blood (WB), platelet rich plasma (PRP) and platelet poor
plasma (PPP), to separate the contributions from red blood cells, platelets and fibrin,
respectively. This makes the model also applicable for simulations of platelet plug for-
mation without taking into account red blood cells. The formation of the blood clots
is tracked by imposing a small oscillatory strain and measuring the resulting stress.
After maturation, a range of frequencies for the oscillatory deformation is used to
determine the linear viscoelastic behavior and subsequently the strain amplitude is
increased to probe the nonlinear viscoelastic properties. The model is based on the
constitutive models for the fibrin network that are described in chapters 2 and 3.

In the next section the experimental protocol is introduced, followed by the pro-
cedure used for the development of the constitutive model, the results obtained and
a discussion of these results.
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5.2 Materials and methods

5.2.1 Experimental methods

Blood preparation

In this study blood clots are formed from porcine blood, obtained from Dutch landrace
hybrid pigs slaughtered for human consumption in a local slaughterhouse. Following
regular slaughterhouse procedures, the pigs are stunned using carbon dioxide and
subsequently exsanguinated. Blood is collected in a beaker and quickly transferred to
50 ml tubes containing 5 ml sodium citrate (10.9 mM final concentration) to prevent
clotting. A control tube, without citrate, is used to observe the clotting abilities of the
blood. The blood is kept at room temperature and used for experiments within 4 hours
of collection. Whole blood (WB) is centrifuged (150g, 15 min) to obtain platelet rich
plasma (PRP, top layer). Platelet poor plasma (PPP) is obtained by centrifugation
of PRP (1000g, 15 min). Clotting is initiated by adding 10 µl clotting buffer (20
mM CaCl2, 1.0 U/ml human thrombin (Kordia, Leiden, the Netherlands), 20 mM
HEPES, pH 7.4, final concentrations) to 140 µl WB, PRP or PPP and mixing gently
with a pipette. For the WB samples, the concentrations of CaCl2 and thrombin are
doubled. Control experiments with higher CaCl2 and thrombin concentrations gave
the same results within experimental error. The addition of clotting buffer is defined
as the start of the experiment, and results are corrected for the time between this
moment and the start of the measurement.

Rheometry

The clotting sample is transferred quickly to the titanium cone-plate geometry (25 mm
diameter, 0.02 rad cone angle) of an ARES rheometer (Rheometric Scientific, USA).
Measurements are performed at 39○C and a layer of mineral oil is applied at the sam-
ple edge to minimize evaporation and surface effects. The rheological measurement
consists of three parts. First, the formation of the clot is followed by imposing a small
oscillatory shear deformation (frequency 1 Hz, strain amplitude 0.01) for 30 minutes.
After this period, the viscoelastic moduli are steady and the viscoelastic behavior of
the clots is studied by performing a frequency sweep. The frequency of the oscillation
is increased from 0.63 to 63 rad/s while the strain amplitude is maintained at 0.01.
In the final part of the measurement, the nonlinear viscoelastic properties of the clots
are studied by imposing a large amplitude oscillatory shear (LAOS) deformation. The
strain amplitude is increased from 0.01 to 1 in 11 logarithmically spaced steps while
maintaining the frequency at 1 Hz, followed by a strain amplitude of 0.01. Each strain
amplitude is held for 30 seconds. The strain during the LAOS experiment is shown in
figure 5.4a. Control experiments showed that performing the frequency sweep before
the strain sweep did not influence the outcome of the strain sweep.

During the entire measurement, the outputs of the rotation and torque signals
from the rheometer are stored using an analog-to-digital converter (ADC) as described
previously (Wilhelm, 2002, van Kempen et al., 2015). These signals are converted to
strain and stress and are used to study the mechanical behavior of the clots during
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Ω0 ΩF = F e · F p

F eF p

Figure 5.1: The deformation gradient tensor F is split into an inelastic part F p that
transforms the undeformed state Ω0 to the stress-free configuration Ωp. The elastic
part F e transforms this state to the deformed state Ω.

the LAOS deformation. The nonlinear data are analyzed by plotting the strain versus
the stress in so-called Lissajous-Bowditch plots as used before (Ewoldt et al., 2008,
van Kempen et al., 2015).

The three parts of the rheological measurement are used to develop the constitutive
model.

5.2.2 Model development

In this section the model that describes the nonlinear viscoelastic properties of the
blood clots is introduced. First the required kinematics are discussed.

Kinematics

The deformation of a material from an undeformed state Ω0 to a deformed state Ω is
described by the deformation gradient tensor F (Hunter, 1983, Macosko, 1994). For
a viscoelastic material, the deformation can be split into an elastic part, F e and an
inelastic part, F p (Lee, 1969),

F = F e ⋅F p. (5.1)

The inelastic part, F p, transforms the undeformed state to a relaxed, stress-free
configuration Ωp. For a single mode, this fictitious configuration would be recovered
instantaneously if all loads are removed from the material. The elastic part, F e
transforms this state Ωp elastically into the deformed state Ω (figure 5.1).

Using the deformation gradient tensor F , the Finger tensor B, and its elastic
equivalent, Be, are defined as,

B = F ⋅F T and Be = F e ⋅F Te . (5.2)

The velocity gradient tensor is defined as,

L = Ḟ ⋅F −1, (5.3)
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and can be split into an elastic and inelastic part,

L = Le +Lp, (5.4)

with
Le = Ḟ e ⋅F −1

e and Lp = F e ⋅ Ḟ p ⋅F −1
p ⋅F −1

e . (5.5)

Using the velocity gradient tensor L, the rate of deformation tensor D is defined as,

D = 1

2
(L +LT ) , (5.6)

and equivalently for the inelastic part,

Dp =
1

2
(Lp +LTp ) . (5.7)

For numerical implementation, the inelastic right Cauchy-Green tensor is used,

Cp = F Tp ⋅F p = F T ⋅B−1
e ⋅F . (5.8)

Assuming spin free inelastic deformation, the time derivative of Cp can be written
as,

Ċp = Cp ⋅F −1 ⋅Dp ⋅F , (5.9)

which will be used to update Cp during the time integration procedure.
More details on the kinematics of viscoelastic materials can be found elsewhere

(Hunter, 1983, Macosko, 1994).

5.2.3 Constitutive model

The constitutive model for the blood clot is inspired by the models for the fibrin
network, as described in chapters 2 and 3, and abdominal aortic aneurysm thrombus
(van Dam et al., 2008) and is based on a generalized multi-mode Maxwell model. The
model can be represented by an elastic spring, a viscous dashpot and a number of
Maxwell modes assembled in parallel (figure 5.2). Two Maxwell modes are used in this
study since this is sufficient to capture the frequency range explored. First, a simplified
version of the model is introduced which is then extended to describe the viscoelastic,
time-dependent and nonlinear properties of the clot. The same viscoelastic model
is used for the clots formed from WB, PRP, and PPP but with different parameter
values.

The model describes the stress τ as,

τ = τ v + τ e +
2

∑
i=1

τ ve,i, (5.10)

with τ v, τ e and τ ve,i the contribution to the stress from the viscous dashpot, elastic
spring and Maxwell modes, respectively. Note that the model is defined in terms of
the extra stress τ and that no hydrostatic pressure contribution is considered. This is
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Figure 5.2: The constitutive model is based on a generalized Maxwell model, that
contains an equilibrium elastic (G0) and viscous (η0) mode parallel to two viscoelastic
Maxwell modes with moduli Gi and ηi.

a convenient description for the current incompressible, homogeneous situation. The
elastic part of the viscoelastic modes is modeled as Neo-Hookean, and the stress is
therefore given by,

τ ve,i = Gi (Be,i − I) , (5.11)

with Gi the modulus of mode i and Be,i its elastic Finger tensor. The stress τ ve,i is
used to determine the inelastic rate of deformation tensor, Dp,i,

Dp,i =
τ ve,i

2ηi
, (5.12)

with ηi the viscosity of mode i.
The contribution to the stress from the elastic mode is modeled as Neo-Hookean

and is given by,
τ e = G0 (B − I) . (5.13)

The contribution of the viscous mode is separated into a contribution from the plasma
with constant viscosity ηp = 4 mPa.s (Robertson et al., 2008), and a contribution from
the clot η0,

τ v = 2 (ηp + η0)D. (5.14)

The moduli Gi and viscosities ηi, with i = 0,1,2, describe the linear viscoelastic be-
havior of the clot. The properties of the developing clot are captured by making them
a function of time. Subsequently the nonlinear viscoelastic properties are included in
the model by relating the moduli and viscosities to the current and past deformation.

5.2.4 Frequency response

The frequency response of the clots is used to determine values for the linear viscoelas-
tic parameters Gi and ηi by comparing the elastic, G′, and viscous, G′′, modulus as
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measured in the experiment and described by the model (Macosko, 1994),

G′ = G0 +
2

∑
i=1

Gi
(λiω)2

1 + (λiω)2
, (5.15)

G′′ = (ηp + η0)ω +
2

∑
i=1

Gi
λiω

1 + (λiω)2
, (5.16)

with λi = ηi/Gi the relaxation time of mode i and ω the imposed frequency of the
oscillatory deformation. Using the viscoelastic moduli, the frequency dependent phase
angle δ = arctan (G′′/G′) can be defined. The viscoelastic model is able to capture
the frequency response of the clots, as shown in figure 5.3a. This also shows that two
viscoelastic modes give satisfying results.

5.2.5 Blood clot formation

The mechanical properties during the formation of the clots are modeled by making
the linear viscoelastic parameters a function of time,

Gi (t) = fe (t)Gi0, (5.17)

ηi (t) = fv (t)ηi0, (5.18)

where Gi0 and ηi0 are the values for the mature clots, obtained from the frequency re-
sponse. The functions fe (t) and fv (t) describe the time-dependency of the viscoelas-
tic parameters. Inspired by a model previously developed to describe the mechanical
properties of the developing fibrin network (van Kempen et al., 2014), an exponential
increase of the moduli is chosen with a time constant tc. From the time-dependent
viscoelastic moduli (figure 5.3b,c) it is observed that they do not start to increase im-
mediately but only after a delay. This delay period is attributed to the time needed
for platelet activation and formation of protofibrils during the fibrin network forma-
tion (Glover et al., 1975, Jen and McIntire, 1982) and is taken into account by shifting
the exponential function in time with a delay time t0. The mechanical properties of
the blood clot change from fluid-like to solid-like behavior during the clot formation.
Therefore the ratio between the elastic and viscous modulus changes throughout the
clot formation, as visible by a decreasing phase angle δ in figure 5.3d. This indicates
that the elastic contribution to the stress increases faster than the viscous part, and
thus that the functions fe (t) and fv (t) cannot be the same. Based on a model for
the maturing fibrin network (van Kempen et al., 2014), in which the elastic contribu-
tion increases quadratically with respect to the increase of the viscous modulus, the
following equations are proposed,

fe (t) = fv (t)2
, (5.19)

fv (t) =
⎧⎪⎪⎨⎪⎪⎩

0, if t ≤ t0,
1 − e−

(t−t0)

tc , if t > t0
(5.20)

with t0 the delay time and tc a time constant. As shown in figure 5.3 these functions
enable a rather good description of the viscoelastic moduli in time for clots formed
from WB, PRP and PPP with each their own parameter values.
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Figure 5.3: The viscoelastic moduli as measured in experiments (symbols) and de-
scribed by the model (lines) for clots formed from WB, PRP and PPP. The elastic
(G′, ◯) and viscous modulus (G′′, ▽) show weak frequency dependencies (a). The
elastic (b) and viscous moduli (c) increase during clot formation, but not at the same
rate as shown by a decreasing phase angle (δ, d).

5.2.6 Nonlinear viscoelastic behavior

The generalized Maxwell model is extended to describe the nonlinear viscoelastic
behavior of the blood clots. The extension is a variation on a model previously used
to describe the nonlinear properties of the fibrin network (van Kempen et al., 2015).
The model development is explained using an illustrative example of a clot formed
from WB. The same model, with different parameter values, is used to describe the
behavior of clots formed from PRP and PPP, as will be shown in the results section.

The results of a typical LAOS experiment, in which the strain amplitude increases
in 11 steps from 0.01 to 1, are shown in figure 5.4.



80 Chapter 5

0 100 200 300
−1

−0.5

0

0.5

1

Time [s]

S
tr

ai
n 

[−
]

(a)

0 100 200 300

−300
−200
−100

0
100
200
300

Time [s]

S
tr

es
s 

[P
a]

(b)

Figure 5.4: The imposed strain (a) and measured stress (b) during the LAOS ex-
periments. The different colors indicate the interval with strain amplitudes increasing
from 0.01 to 1.

Like previously described for a fibrin network (van Kempen et al., 2015), three
nonlinear features are distinguished in the Lissajous-Bowditch plots (figure 5.5a):
Softening, strain stiffening and nonlinear viscous dissipation. The shear moduli and
viscosities of the generalized Maxwell model are extended to incorporate these three
features in the model, as discussed in detail next.

Softening

The stiffness of the clot decreases during multiple deformation cycles, as shown by
the decreasing stress τ0 at maximal strain γ0 (figure 5.5b). This is also visible by
observing the slope of the Lissajous-Bowditch plots around zero strain Gm (figure
5.5c), represented by a minimal strain modulus Gm,

Gm = ∂τ

∂γ
∣
γ=0

. (5.21)

This modulus, normalized by its initial valueGm (0), quantifies the softening behavior
and is shown in figure 5.6a as a colored line.

The value of Gm decreases quickly when the strain amplitude increases, but sub-
sequently levels off to a steady value. This softening behavior is incorporated in the
model by decreasing the moduli using a state parameter xi for every mode, that is a
function of the deformation history. It is assumed that all moduli of the viscoelastic
model are involved in this decrease. The modulus of every mode Gi is related to a
corresponding state parameter xi,

Gi = xiGi0. (5.22)
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Figure 5.5: The nonlinear features are visible in the Lissajous-Bowditch plots (a).
The softening effect can be observed by the decreasing maximal stresses (b) and the
change of the slope around the low strain (c). This minimal strain modulus Gm is
estimated numerically and visualized with the dashed lines. Observing a singe loop
shows the strain-stiffening behavior, and the nonlinear viscous dissipation (d).
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Figure 5.6: The normalized minimal strain modulus Gm (a, colored lines, colors
as in figure 5.4) decreases with increasing strain and is well described by the model
(solid black line). The softening parameters, xi, for the different modes i, capture
this behavior. Their behavior is described with the same kinetics, but is different for
every mode because they experience a different elastic deformation (a, dashed black
lines). The equilibrium values of x0 are plotted versus the strain as found from Gm
(b, circles), and the model (line).

An evolution equation for xi is used, that describes the decrease of the modulus due
to the deformation history. For reasons of simplicity the same evolution equation is
used for all modes. Following the behavior of Gm, the equation should describe a
decrease of xi with an increasing strain towards a value depending on this strain.
The value of xi does not increase when the strain decreases, as shown by the value
of Gm during the last strain interval with amplitude of γ0 = 0.01 (figure 5.6a). The
following evolution equation is proposed,

ẋi =
⎧⎪⎪⎨⎪⎪⎩

−cx (xi − xi,∞) if xi > xi,∞,
0 if xi ≤ xi,∞,

(5.23)

with cx a fit parameter that describes the timescale of the decrease in xi and xi,∞ the
level of xi corresponding to a certain strain,

xi,∞ = e−a
√

IB,i−3, (5.24)

with a a fit parameter and IB,i the first invariant of the elastic Finger tensor of mode
i. Note that for the equilibrium mode with modulus G0, the elastic Finger tensor
equals the total Finger tensor, Be,0 = B. For a simple shear deformation as used in

the experiments the function
√
IB,i − 3 equals the shear strain γ (Macosko, 1994). To

reduce the number of parameters in the model, the same parameter values are used
for all state parameters xi. Since every mode has its own elastic Finger tensor, Be,i,
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the state parameter xi is different for every mode. Therefore the contribution of every
mode to the total stress will decrease at a different rate for every mode, as shown in
figure 5.6a.

Strain stiffening

The stiffness of the clots increases with the strain, as shown by the increasing slope of
the cycle in figure 5.5d. This strain-stiffening behavior is important for the functioning
of the clot, and should therefore be taken into account by the constitutive model (Shah
and Janmey, 1997, Riha et al., 1999). It is incorporated in the model by making the
modulus of the equilibrium mode G0 a function of the deformation,

G0 = x0fss (B)G00. (5.25)

To be able to extract this behavior from the Lissajous-Bowditch plots, the stress
at maximal strain γ0 during a cycle is used, because at this moment the contribu-
tion of the viscous mode vanishes (van Kempen et al., 2015). Therefore the stress
corresponding to this strain, τ0, is given by,

τ0 = x0fss (γ0)G00γ0 +
2

∑
i=1

τve,i (xi, γ0, ω) , (5.26)

with fss (γ0) the function that describes the increasing stiffness that can be rewritten
to,

fss (γ0) =
τ0 −

2

∑
i=1

τve,i (xi, γ0)

x0G00γ0
, (5.27)

and can be obtained from the data as shown in figure 5.7a. Requirements for the
function fss are that it equals one at low strain and is symmetric with respect to
strain. The function

fss (IB) = (1 + k1 (IB − 3))n1 , (5.28)

with k1 and n1 fit parameters and IB −3 a symmetric measure for the strain, satisfies
these criteria and gives satisfying results as shown in figure 5.7a.

Nonlinear viscous dissipation

The width of the Lissajous-Bowditch curves changes throughout a cycle, as shown
in figure 5.7b. This indicates that the viscous dissipation increases with increasing
strain. This behavior is incorporated in the model by making the viscosity of the
equilibrium mode an increasing function of the deformation,

η0 = fvi (B)η00, (5.29)

with
fvi (IB) = 1 + k2 (IB − 3) , (5.30)

the function that describes the increasing viscosity as function of the deformation and
k2 a fit parameter.
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Figure 5.7: The function that describes the strain stiffening fss is a function of the
strain. The model (dashed line) estimates the values obtained from the experimental
data (circles). The colors correspond to the strain amplitudes in figure 5.4a. Visual-
izing a single loop (b) shows the nonlinear viscous dissipation as measured (colored
line) and described by the model (dashed line).

Model overview

An overview of the constitutive model is given by combining the equations from
sections 5.2.3, 5.2.5 and 5.2.6.

τ = τ v + τ e +
2

∑
i=1

τ ve,i, (5.31)

τ v = 2 (ηp + fv (t) fvi (IB)η00)D, (5.32)

τ e = fe (t)x0fss (IB)G00 (B − I) , (5.33)

τ ve,i = xiGi (Be,i − I) , (5.34)

Dp,i = τ ve,i/2ηi, (5.35)

fv (t) =
⎧⎪⎪⎨⎪⎪⎩

0, if t ≤ t0,
1 − e−

(t−t0)

tc , if > t0,
(5.36)

fe (t) = fv (t)2
, (5.37)

fvi (IB) = 1 + k2 (IB − 3) , (5.38)

fss (IB) = (1 + k1 (IB − 3))n1 , (5.39)

ẋi =
⎧⎪⎪⎨⎪⎪⎩

−cx (xi − xi,∞) if xi > xi,∞,
0 if xi ≤ xi,∞,

(5.40)

xi,∞ = e−a
√

IB,i−3. (5.41)
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The model contains three moduli, Gi0, three viscosities ηi,0 and seven fit parameters,
t0, tc, a, cx, k1, n1 and k2, that are determined using a step-wise fitting procedure as
described in the next section.

5.2.7 Numerical procedures

The parameter values are found using the data from the rheological experiments, in
which a sinusoidal shear strain, γ, is imposed and the shear stress τ is measured.
For this deformation, the deformation gradient tensor in time is given by (Macosko,
1994),

F (t) =
⎛
⎜⎜
⎝

1 γ (t) 0

0 1 0

0 0 1

⎞
⎟⎟
⎠
, (5.42)

which is used as an input for the constitutive model to determine the resulting stress
tensor τ and its shear component τ . For the viscoelastic modes, the stress contribution
τ ve,i is obtained using the kinematics as previously described (van Dam et al., 2008).
In short, for a new time step the deformation gradient tensor F and equation (5.9)
are used to update the right Cauchy green tensor Cp,i, which then gives a new elastic
deformation tensor Be using equation (5.8). The viscoelastic stress τ ve,i is then
obtained using constitutive equation (5.11) and is used to update the inelastic rate
of deformation tensor Dp,i (equation (5.12)) that is used in the next step to update
Cp,i.

Parameter values are found using a step-wise fitting procedure. A flowchart of this
procedure is shown in figure 5.8. The first step of the procedure is to determine the
linear viscoelastic parameters Gi0 and ηi0 using the results of the frequency sweep
and equations (5.15) and (5.16). These quantities are then fixed and used for the
description of the time-dependent behavior during the formation of the clots, and to
determine the corresponding values of the parameters tc and t0. The linear viscoelastic
parameters also serve as input for the fitting procedure of the nonlinear viscoelastic
part of the model.

First, for every cycle of the LAOS measurement, the maximum strain γ0 and
corresponding stress τ0, the minimal strain modulus Gm, and the stress at a strain of
1
2
γ0 and

√

2
2
γ0 are determined. The next step is to find values for the parameters that

describe the softening and the strain-stiffening effects, a, c and k1, n1, respectively. A
complication is that both the softening and the stiffening behavior are influenced by
both parameter sets. This can be seen by the stress at maximum strain τ0, that is a
function of the softening parameter xi and the strain-stiffening function fss (equation
(5.26)). Therefore the parameters that describe the softening, a and c, influence
the values of the stiffening parameters k1 and n1, and vice versa, and an iterative
procedure is needed to find parameter values. Given values for a and c, the strain-
stiffening parameters k1 and n1 are determined using equation (5.27). These values
are then used to determine the stress at maximal strain, τ0 and to find parameter
values for the softening parameters a and c, which can than be used in the next
iteration step. This iteration cycle is continued until the relative change in parameter
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values is less than 0.01. The iterative procedure is initiated using an initial guess for
a and c, obtained by fitting the behavior of the low strain modulus Gm/Gm (0) using
the evolution equation for xi as shown in figure 5.6a.

The last step of the fitting procedure is to determine the parameter k2 that de-
scribes the nonlinear viscous dissipation. The value of this parameter is found using

the stress at 1
2
γ0 and

√

2
2
γ0, because at these moments the viscous contribution to the

stress, and the stress itself are relatively large (van Kempen et al., 2015).
An overview of the entire fitting procedure is provided in figure 5.8. For ev-

ery step, an objective function is minimized, that represents the difference between
experimentally determined or estimated values, denoted with a subscript e, and val-
ues given by the model. All minimizations are performed using the nonlinear least
squares solver lsqnonlin with the trust-region-reflective algorithm as implemented in
the Global Optimization Toolbox of MATLAB (The MathWorks, Natick, MA). All
minimizations are performed multiple times with different initial values to avoid that
a local minimum is found.

To assess the quality of the fitting procedure, a mean relative error is defined,
that quantifies the difference between the experimentally and numerically determined
stress,

ξ = 1

N

N

∑
n=1

∣τ
e
n − τmn
τmn

∣ , (5.43)

with N the number of data points and τen and τmn the stress at time step n as deter-
mined in the experiment and from the model, respectively.

5.2.8 Sensitivity analysis

To study the influence of a variation in parameter values to the output of the model,
a sensitivity analysis is performed. This analysis is focused on the part of the model
that describes the nonlinear viscoelastic behavior and its five parameters. The anal-
ysis applied here is based on a global variance-based method (Sobol, 2001, Saltelli,
2002, Huberts et al., 2014) and is an extension of the analysis applied in chapter
3. The method estimates the contribution of a parameter due to its uncertainty to
the variance of a defined output of the model. These contributions to the output
variance are given in terms of two sensitivity indices for every parameter. The main
sensitivity index Si, is the relative contribution of parameter i to the total variance of
an output. This index quantifies the direct influence of a variation in the parameter
on an output. A second index, the total sensitivity index, STi , quantifies this main
effect plus indirect contributions of parameter i to the total variance of an output
by interactions with all other parameters. A small STi indicates that the parameter
has a small contribution to the variance of an output and might be fixed within its
uncertainty domain (Huberts et al., 2014).

The sensitivity analysis estimates the contribution of a parameter to a certain
output of the model. These outputs have to be defined, and are chosen the same as
used in chapter 3 for a model for the nonlinear viscoelastic properties of the fibrin
network. The three outputs chosen describe the three nonlinear features of the model,
and are shown in figure 5.9. The first output, Oso, is related to the softening effect,
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Figure 5.9: Illustration of the outputs that are defined for the sensitivity analysis.
Softening is quantified using the decrease of the stress during the strain interval (a).
Stiffening is quantified using the maximal stress τmax. The output for the nonlinear

viscous behavior is the difference between the stresses at the strain γ =
√

2
2
γ0 (b).

and is defined as the relative decrease of τ0 during the strain interval with amplitude
γ0 = 1. The second output, Oss is related to strain stiffening and is defined as
the maximum stress during the aforementioned strain interval, normalized with the
linear equilibrium modulus G00. A third output is related to the nonlinear viscous
dissipation and is defined as the width of the first Lissajous-Bowditch cycle of the

same strain interval, at a strain of γ =
√

2
2
γ0.

The sensitivity indices can be determined using a Monte Carlo method (Saltelli,
2002) but this requires at least 103 model runs per parameter. A more efficient
method has been proposed recently (Crestaux et al., 2009, Huberts et al., 2014) and
is used here. In short, a relatively small number of model runs is used to sample the
output space. This space is subsequently described using a metamodel that consists
of polynomials that are a function of the input parameters. This so-called generalized
polynomial chaos expansion is subsequently used to efficiently determine the sensitiv-
ity indices. More details about this method can be found elsewhere (Huberts et al.,
2014).

For every output, the main and total sensitivity index are determined for every
parameter. The analysis is based on 280 model runs, which is five times the required
minimum for a model with five parameters (Huberts et al., 2014). The input parame-
ters are drawn from a specified range using quasi-random Sobol series (Huberts et al.,
2014). The parameter range is the mean ± standard deviation of the values obtained
by fitting the model to four data sets, as shown in the results section.
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Figure 5.10: The moduli Gi (a), and viscosities ηi (b), for clots with different
compositions. Values are shown as mean + standard deviation of four data sets.

5.3 Results

In this section the results generated using the model are presented. The results for
clots formed from blood from one pig are presented in detail, while the parameter
values of the model are shown as means with standard deviations as obtained from
the blood of four pigs.

5.3.1 Frequency response

As already shown in figure 5.3a, the viscoelastic model describes the frequency re-
sponse of the different clots well, using a total of six linear viscoelastic parameters.
The values of the elastic modulus G′ are at least an order of magnitude larger than
the viscous modulus G′′, which shows that the clots behave as a viscoelastic solid.
This is supported by the minor frequency-dependency of the moduli i.e. the absence
of a terminal zone. In agreement with this are the high values of the modulus of the
equilibrium mode, as seen in figure 5.10a. For clots formed from PRP, the mean val-
ues of the moduli are slightly higher than for those formed from WB while the values
for clots formed from PPP are much lower than for those of WB and PRP. Due to
the lower moduli, the viscoelastic modes have a relatively small, but significant con-
tribution in comparison to the equilibrium mode with modulus G0. The viscosities
of the Maxwell modes are much higher than η0 and are lowest for clots formed from
PPP (figure 5.10b).

5.3.2 Blood clot formation

The moduli and viscosities, obtained from the frequency response, are made time-
dependent to describe the mechanical properties of the clots during their formation.
The results for a clot formed from WB are shown in figure 5.3b-d. The viscoelastic
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Figure 5.11: The parameters that describe the time-dependency of the mechanical
properties of the developing clots. The time constant tc (a) and delay time t0 (b) are
shown as mean + standard deviation of four data sets.

moduli of the thrombi increase to a steady value within 30 minutes. The model de-
scribes the increase of the elastic modulus G′ (b) and viscous modulus G′′ (c) well,
and also their ratio as shown by the decreasing phase angle δ (d). The model accu-
rately describes the transition from fluid-like to solid-like behavior. The corresponding
parameter values are shown in figure 5.11. The time constant tc increases and the
delay time t0 decreases for clots formed from WB, PRP, and PPP. This indicates that
the transition from fluid to solid starts earlier for the clots formed from PPP, and
propagates at a slower rate.

5.3.3 Nonlinear viscoelastic behavior

The results of the LAOS experiments, that probe the nonlinear viscoelastic behavior,
are shown for a clot formed from WB in figure 5.12. When observing the stress in time
(a and b), it can be seen that the maximal stresses that occur during the cycles are
well captured by the model. The three nonlinear features, softening, strain stiffening,
and nonlinear viscous dissipation, are clearly visible in the Lissajous-Bowditch plots
of the experiment (c), as well as in the model (d). For the largest strain amplitude of
γ0 = 1, the model overestimates the viscous dissipation, which is most likely caused
by the quickly decreasing stress during this interval due to structural damage to the
clot. For the lower strains, the description is better. Overall, the stress response is
described by the model with a mean relative error ξ of 0.10.

The Lissajous-Bowditch plots for clots formed from PRP and PPP are shown in
figure 5.13. Qualitatively the same behavior is visible as seen for clots formed from
WB, but the maximal stresses are about three times as high. The softening behavior
is less pronounced for the clots formed from PRP and PPP. The model describes this
behavior well, as shown by a mean relative error ξ of 0.15 and 0.16 for the thrombi
formed from PRP and PPP, respectively.
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Figure 5.12: The stress in time as experimentally measured (a) and predicted by
the model (b) for a blood clot formed from whole blood agree well. The Lissajous-
Bowditch plots show that the model (d) describes the experimentally observed non-
linear behavior (c).

The values of the parameters used to describe the nonlinear viscoelastic behavior
are shown in figure 5.14. From the two parameters related to the softening, a and cx,
a does not differ considerably for the different clots, while the value for cx is lower
for clots formed from PRP and PPP albeit with large standard deviations. This
indicates that the stiffness of those clots decreases faster, but that the value to which
it decreases is the same for the different clots.

The clots formed from PPP show the largest amount of strain stiffening, as indi-
cated by the high value of the parameter k1. Clots formed from PRP show less strain
stiffening. They reach the same maximal stress during the LAOS deformation as the
clots formed from PPP, but their linear viscoelastic stiffness is higher, which leads to
a lower value for k1. The values of the other parameter related to strain stiffening,
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Figure 5.13: The Lissajous-Bowditch plots for clots formed from PRP (a,b) and
PPP (c,d) as measured experimentally (a,c) and described by the model (b,d).

n1 does not differ remarkably with clot composition.
The single parameter related to the nonlinear viscous dissipation is k2. It has a

higher value for clots formed from PPP than for those formed from PRP and WB,
i.e. the nonlinear viscous dissipation is more pronounced.

5.3.4 Sensitivity analysis

The results of the sensitivity analysis are shown in figure 5.15. The variance of the
output that describes the softening behavior, Oso is, as expected, almost completely
determined by the parameters a and cx. The output related to strain stiffening, Oss,
is besides the parameters k1 and n1, also influenced by the parameter a that relates
to the softening behavior. For this output, the sum of the total indices is larger than
one, which is an indication that interactions between parameters contribute to the
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Figure 5.14: Values for the softening parameters a (a) and cx (b), the strain-
stiffening parameters, k1 (c) and n1 (d) and the viscous dissipation parameter k2 (e)
for clots with different compositions. Values are shown as mean + standard deviation
for four data sets. Clots are formed from WB (purple), PRP (red) and PPP (yellow).

total variance (Huberts et al., 2014).
The variance of the output related to the viscous dissipation, Ovi, is dominated by

the parameter k2, which is expected. However, also the parameters related to strain
stiffening, k1 and n1, have important contributions.
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Figure 5.15: The main (left) and total (right) indices obtained from a sensitivity
analysis for the outputs describing softening (Oso), strain stiffening (Oss) and non-
linear viscous dissipation Ovi.
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5.4 Discussion

The constitutive model developed consists of different parts that describe the vis-
coelastic properties of the clots during their formation, during a frequency sweep
and during LAOS. The model correctly captures these mechanical properties during
the various deformations for clots formed from WB, PRP and PPP using specific
parameter values.

The rheological results show that the stiffness of clots formed from WB is slightly
lower than those formed from PRP, while those formed from PPP have a much lower
stiffness (figure 5.3). These findings are in agreement with previously reported results
(Kaibara and Fukada, 1970, Glover et al., 1975, Kirkpatrick et al., 1979, Jen and
McIntire, 1982, Shah and Janmey, 1997, Riha et al., 1999, Tynng̊ard et al., 2006).
The explanation for this behavior is that the contracting platelets increase the stiffness
of the fibrin network by pulling on the fibers (Jen and McIntire, 1982, Lam et al.,
2011). The high volume of red blood cells in WB prevents this by distorting the clot
formation and platelet contraction (Riha et al., 1999, Tynng̊ard et al., 2006, Gersh
et al., 2009). This also explains why the difference between clots formed from PRP
and WB is larger during the LAOS experiments (figures 5.12 and 5.13); the fibrin
network is stiffer when there are no red blood cells present that prevent a regular
network formation and platelet binding. This also shows that the analysis of the
nonlinear viscoelasticity in terms of Lissajous-Bowditch provides more insights than
the traditionally used linear viscoelastic moduli (Shah and Janmey, 1997, Riha et al.,
1999).

The influence of clot composition is incorporated in the model by adjusting the
parameter values. This rather simple phenomenological description gives satisfying
results, but could be extended by relating the parameters to the concentration of
the individual components. This would be especially useful if the model is going to
be applied to simulations of blood clot formation, in which the concentration of the
components are known (Bodnár and Sequeira, 2008, Storti et al., 2014). However, an
advantage of the current description is that different clot compositions can be studied
by simply changing parameter values. This is useful for numerical simulations that
often describe parts of the clotting system (Anand et al., 2003, Bodnár and Sequeira,
2008, Xu et al., 2011, Storti et al., 2014). Furthermore, the model is relatively simple
and can easily be extended to describe the mechanical behavior of materials showing
similar behavior such as collagen (Münster et al., 2013), keratin filaments (Ma et al.,
1999), gluten gel (Ng et al., 2011) and skin (Lamers et al., 2013). A possible exten-
sion would be to explicitly incorporate structural clues that underlie the nonlinear
behavior, such as the behavior of the fibrin fibers during strain stiffening (Münster
et al., 2013).

Values of the parameters are found using a step-wise fitting procedure. This
procedure does not ensure that the best parameter set is obtained, because it omits
possible interactions between parameters. The applied sensitivity analysis provides
useful insights into this. The analysis shows that the softening behavior is influenced
almost completely by the parameters related to this phenomenon, a and cx. The
strain-stiffening behavior is not only influenced by its related parameters k1 and n1,
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but also by the softening parameter a. Lastly, the nonlinear viscous dissipation is
influenced by all parameters. This shows that it makes sense to start the iterative
procedure between the softening and stiffening effects with the former, and also to
fit the viscous parameter k2 as the last step. Since all parameters contribute to the
total indices of one ore more outputs, the model cannot be simplified by fixing one of
them within its uncertainty interval.

The parameter values found in this study are based on clots formed from four
pigs. Although the qualitative behavior of the clots is the same, large variations
in parameter values are present. This shows that it is difficult to make quantitative
predictions about the mechanical properties of an individual. Despite these variations
the model is able to describe the different clots.

Although the model is suitable to describe any arbitrary deformation, it is only
tested against rheological experiments in which a simple shear deformation is ap-
plied. The LAOS deformation is expected to mimic the situation in a pulsatile blood
flow, but nevertheless other deformations such as compression (Kim et al., 2014) and
extension (Brown et al., 2009) will be useful to further test the model.

5.5 Conclusion

This study presents a constitutive model for blood clots with different compositions.
The model describes the mechanical properties during the formation of the clot, its
frequency response and its time-dependent, nonlinear viscoelastic properties. Clots
with various compositions i.e. fibrin, platelets and red blood cells are formed and
described by the model using different parameter values. Despite its relative simplicity
the model is able to describe the complex behavior of the blood clots.
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Chapter 6

Numerical simulation of the
mechanical behavior of blood

clots

Abstract

In this study, it is demonstrated how the constitutive model for blood clots as pre-
sented in chapter 5, can be used to numerically simulate the deformation of a clot
in varying conditions. The movement and structural degradation of the thrombus
in an oscillating blood flow is studied for different scenarios. The influence of the
composition of the thrombus is investigated using different parameter sets such that
thrombi formed from whole blood, platelet rich plasma and platelet poor plasma are
described. Furthermore, it is shown how the fluid velocity, and the geometry of the
thrombus, influence its behavior. The results obtained show the possibilities of the
model, nothing more and nothing less, and illustrate that it forms a starting point for
a powerful tool to study the transient mechanical behavior of blood clots. A starting
point, since it is also shown that there are some numerical issues that have to be
resolved before the model can be used for more advanced simulations.

The contents of this chapter are based on: T.H.S. van Kempen, G.W.M. Peters, and F.N. van
de Vosse. Numerical simulation of the mechanical behavior of blood clots. In preparation.
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6.1 Introduction

The mechanical properties of a blood clot are important for its functioning in both
normal and diseased conditions (Tran et al., 2013). These properties are determined
to a large extent by the structural composition of the clot, but it remains a challenge
to fully understand the mechanical behavior of the clot in relation to its constituents.
Reasons for this are the many components that contribute to blood clot formation
and their interactions, and the dynamic blood flow in which the clot develops.

Blood clot formation starts by the activation of platelets by substances released
from the damaged vessel wall. Activated platelets attach to the vessel wall and to
each other, and thereby form a platelet plug that closes the wound (de Groot et al.,
2012). This plug is then stabilized by fibrin, a protein that forms a fibrous network
within the blood clot and increases its stiffness and strength (Standeven et al., 2005,
Weisel and Litvinov, 2013). The third main component of blood clots are red blood
cells, that are not actively involved in clot formation but become entrapped into it
due to their presence at high volume in blood (Gersh et al., 2009, Silvain et al., 2011).

The uncontrolled formation of a clot within a blood vessel can have a dramatic
outcome. This is known as thrombosis and occurs e.g. after rupturing of an atheroscle-
rotic plaque which often leads to stroke or myocardial infarction (Mackman, 2008).
Such a clot either occludes the blood vessel or it ruptures and might occlude a down-
stream vessel, with an infarction as result. This illustrates the mechanical aspect of
this disease. To obtain a better understanding of the mechanical properties, experi-
mental and modeling techniques have been used.

Rheological experiments have shown that the blood clot behaves as a nonlinear
viscoelastic material, with properties that depend not only on the composition of
the clot (Glover et al., 1975, Kirkpatrick et al., 1979, Jen and McIntire, 1982, Shah
and Janmey, 1997), but also on the current and past deformation it has experienced,
as shown in chapter 5. Models have been developed to describe these mechanical
properties and simulate blood clot formation. However, it is not possible to take into
account all aspects of the process due to its complexity (Xu et al., 2011). Therefore
models focus on one or more components of the clot e.g. fibrin (Storm et al., 2005,
van Kempen et al., 2014) or platelets (Fogelson and Guy, 2008). In chapter 5 a
constitutive model has been developed for the mechanical behavior of blood clots
with different compositions. One of the applications of such a model is the simulation
of blood clot formation in order to study healthy and diseased conditions. The goal
of this study is to demonstrate the potential of the constitutive model in numerical
simulations of deforming bloods clots with different compositions and under various
conditions.

Simulations of blood clot formation are intrinsically complicated. This is not only
due to the multiple chemical reactions and the corresponding complex constitutive
behavior of the clot, but also because the clot grows in time and interacts with the
fluid flow in the vessel which, in turn, influences the growth. Nevertheless, models
have been developed towards this direction. An example is the framework that Storti
et al. (2014) and Storti and van de Vosse (2014) developed, to describe the growth and
deformation of the platelet plug. The constitutive model used in that framework is a
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relatively simple Neo-Hookean model with constant parameters. Ultimately, a com-
bination of this framework with a more realistic and appropriate constitutive model
would enable simulations of blood clot formation and evolution, including failure.
However, since such a full model is too ambitious for the moment, we limit ourselves
and the goal of this study is to test the constitutive model applied in a full numerical
simulation. Therefore, the focus is on mature blood clots i.e. clots that are fully
developed and do not grow. The methods applied are such that they can be readily
combined with the aforementioned framework.

In this study three variations are investigated. The influence of the pulsatile blood
flow on the thrombus is demonstrated by changing the fluid velocity. The influence
of the clot composition is demonstrated by adapting the parameter values of the
constitutive model, as described in chapter 5. In this way, the differences between
clots with and without red blood cells and platelets are shown. A third variation that
is tested is the geometry of the thrombus.

In the next section, the numerical methods are presented. This is followed by the
results of the simulation with the different conditions and a discussion of these results.

6.2 Numerical methods

This section introduces the numerical methods that are used for the simulations.
Parameter values that are constant are given when the parameter is introduced, while
those that vary throughout the study are given in table 6.1 on page 107.

6.2.1 Computational domain

The physiological situation that is simulated in this study is the deformation of a
thrombus due to an oscillating blood flow. The 2D computational domain is shown
in figure 6.1, and consists of two parts. The lumen of the vessel is represented by the
domain Ωf in which the blood flow is described. The thrombus and underlying wall
are together represented by the domain Ωs in which the deformation is described by
a constitutive model for the solid thrombus and wall. Both solids are described in a
single domain that is further split for notational convenience in a domain Ωt for the
thrombus and Ωw for the wall. The boundary between the fluid and solid domain is
denoted as Γt. The length of the vessel L = 200µm and the height H = 50µm, while
the vessel wall beneath the thrombus has a thickness Hw = 20µm.

The geometry of the thrombus is idealized as a cosine with linearized edges, and
is described as,

h (x) =

⎧⎪⎪⎪⎪⎪⎨⎪⎪⎪⎪⎪⎩

xα
Ll

− α(Lm−Lt/2)
Ll

, for Lm −Lt/2 ≤ x ≤ Lm −Lt/2 +Ll,
ht

2
(1 − cos ( 2π(x−Lm−Lt/2)

Ls
)) , for Lm −Lt/2 +Ll < x < Lm +Lt/2 −Ll,

−xα
Ll

+ α(Lm+Lt/2)
Ll

, for Lm +Lt/2 −Ll ≤ x ≤ Lm +Lt/2,
(6.1)

with ht the maximal height of the thrombus, Lt its length, Lm = 50µm the position

of the horizontal centre of the thrombus and α = ht

2
(1 − cos (−2π(Lt−Ll)

Lt
)) a constant.
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Figure 6.1: The computational domain, consisting of a fluid part Ωf , and a solid
part Ωs that contains the thrombus Ωt and the vessel wall Ωw. For output analysis
the points denoted by t and r are followed in time. The figure is not to scale.

The wall of the thrombus is linearized at both sides over a length of Ll = 3µm. An
overview of the geometry is shown in figure 6.1. The values for ht and Lt are varied
to describe thrombi with different geometries, as will be discussed in section 6.2.4

6.2.2 Governing equations

Blood flow

The flowing blood is described as an incompressible fluid by the conservation laws of
momentum and mass,

ρ(∂u
∂t

+u ⋅ ∇u) = −∇p +∇ ⋅ 2ηD in Ωf , (6.2)

∇ ⋅u = 0 in Ωf , (6.3)

where u denotes the fluid velocity, p the pressure, D = 1
2
(∇u + (∇u)T ) the rate

of deformation and t time. The fluid has a density ρ = 1 ⋅ 103 kg/m3 and viscosity
η = 1 ⋅ 10−3 Pa.s (Robertson et al., 2008). The boundary conditions are given by,

ux = U0 (t)(1 − (H − y)2

H2
) on Γi, (6.4)

uy = 0 on Γi, (6.5)

u = ut on Γt, (6.6)

uy = 0 on Γc, (6.7)

(2ηD − pI) ⋅n = 0 on Γo. (6.8)
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At the inlet Γi an oscillating Poiseuille profile is prescribed for the horizontal velocity
component ux, with time-dependent amplitude,

U0 (t) = U00 sin (ωt), (6.9)

where ω = 2π rad/s the frequency of the oscillation and U00 the amplitude. At the
vessel wall Γt, a no-slip boundary condition is applied by prescribing a velocity equal
to the velocity of the thrombus and vessel wall, ut. At the center-line of the vessel
Γc, a symmetry condition is enforced by setting the vertical velocity component uy
to zero. The outlet Γo, with normal n is stress-free. The initial condition is a zero-
velocity in the entire domain. The flow is characterized by the Reynolds number,
defined as,

Re = ρU00H

η
. (6.10)

Thrombus model

The thrombus is described as a viscoelastic solid by the constitutive model described
in chapter 5. The model is based on a multi-mode generalized Maxwell model and
describes the nonlinear viscoelastic behavior of blood clots in relation to their compo-
sition and deformation history. Although the model describes the thrombus as a solid,
it is convenient for the numerical implementation to write the equations in terms of
a viscoelastic fluid. This does not effect the behavior of the model.

For an inertia-less viscoelastic fluid flow, the conservation of mass and momentum
read,

∇ ⋅ (τ − pI) = 0 in Ωs, (6.11)

∇ ⋅u = 0 in Ωs, (6.12)

with τ the extra stress. For the thrombus, the extra stress is given by the constitutive
model previously developed,

τ = τ v + τ e +
2

∑
i=1

τ ve,i in Ωt, (6.13)

and consists of a viscous τ v, elastic τ e and two viscoelastic τ ve,i contributions, as
shown by the spring and dashpot representation in figure 6.2. The viscous part,
represented by the parallel dashpot in figure 6.2, is given by,

τ v = 2η00fvi (IB)D, (6.14)

fvi (IB) = 1 + k2 (IB − 2) , (6.15)

with the viscosity η00 that is a function of the first invariant IB = tr (B) of the
deformation tensor B, with the function fvi (IB). This function, with parameter k2,
describes the nonlinear viscous dissipation of the blood clots.

The elastic part, the equilibrium mode in figure 6.2, is given by,

τ e = x0fss (IB)G00 (B − I) , (6.16)

fss (IB) = (1 + k1 (IB − 2))n1 , (6.17)
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Figure 6.2: Spring and dashpot representation of the constitutive model for the
thrombus.

with the modulus G00 that describes the strain-stiffening behavior of the thrombus
with the function fss (IB) with the parameters k1 and n1.

The model contains two viscoelastic Maxwell modes. Every mode i has a modulus
Gi0, and contributes a stress τ ve,i,

τ ve,i = xiGi0 (Be,i − I) . (6.18)

The inelastic deformation of the modes is described by the constitutive equation for
Be,i (Peters and Baaijens, 1997),

ηi
xiGi0

▽

Be,i + (Be,i − I) ⋅Be,i = 0, (6.19)

with viscosity ηi, softening parameter xi (as described later in equation (6.21)) and
the upper-convected derivative defined as,

▽

Be,i =
∂Be,i

∂t
+u ⋅ ∇Be,i − (∇u)T ⋅Be,i −Be,i ⋅ ∇u. (6.20)

In the implementation of the model, the equilibrium mode is implemented as a vis-
coelastic mode as well, but with a relaxation time λ0 = η0/G00 = 1012 s such that
the elastic deformation tensor for this mode Be,0 ≈ B (Villone et al., 2014). The
advantage is that doing so, all modes can be solved similarly using the constitutive
equation (6.19).

All moduli Gi0, i = 0,1,2, in the model are related to a softening parameter xi,
that describes the decreasing stiffness of the thrombi due to structural damage that
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occurs during a deformation. An evolution equation for xi is used,

∂xi
∂t

+u ⋅ ∇xi = si (xi, IBe,i
) , (6.21)

si (xi, IBe,i
) =

⎧⎪⎪⎨⎪⎪⎩

−cx (xi − xi,∞) if xi > xi,∞,
0 if xi ≤ xi,∞,

(6.22)

xi,∞ = e−a
√

IB,i−2. (6.23)

Upon an increasing deformation the softening parameter decreases to an equilibrium
value xi,∞ related to that deformation. This decrease is described by the evolution
equation for xi, where the rate of decrease is given by si (xi, IBe,i

), and the parameters
cx and a. More details about the constitutive model can be found in chapter 5.

The wall underlying the thrombus is modeled as a Neo-Hookean solid, such that
the extra stress is given by,

τ = Gw (B − I) in Ωw, (6.24)

with Gw = 1 ⋅105 Pa the modulus of the vessel wall. Boundary conditions for the solid
model are a zero-velocity at the boundary of the wall Γw and a traction force tt equal
to the traction in the fluid at their interface Γt. The initial condition is a stress-free
state; Be,i = I, u = 0 and xi = 1.

Fluid-structure interaction

The moving fluid exerts a force on the thrombus and vice versa, which has to be taken
into account (Storti and van de Vosse, 2014). This fluid-structure interaction (FSI)
is implemented by means of the boundary conditions of the fluid and solid problems.
At the boundary Γt between the fluid and the solid, a no-slip condition and force
balance are imposed,

tt = tf on Γt, (6.25)

uf = ut on Γt, (6.26)

with tt = (τ − pI) ⋅n and tf = (2ηD − pI) ⋅n the traction force in the solid and fluid
domain, respectively, uf and ut the corresponding velocities, and n the normal to
the boundary.

6.2.3 Finite element formulation

The system of equations is solved using a finite element method, where the fluid and
solid problem are solved in a single system. This is a difference with respect to the
method used by Storti and van de Vosse (2014), where the fluid and solid problems
are decoupled, but this does not lead to compatibility problems with the current
constitutive model. For the fluid part, the weak form of the governing equation
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reads: Find u and p, such that

(v, ρ(∂u
∂t

+u ⋅ ∇u)) + (Dv,2ηD) + (v,∇p) − (v, (2ηD − pI) ⋅n)Γo
= 0, (6.27)

(q,∇ ⋅u) = 0, (6.28)

for all test functions v and q, where (.,.) denotes the proper inner product on the

domain Ωf , (., .)Γo the inner product on the boundary Γo, and Dv = 1
2
((∇v)T +∇v).

For the solid problem, the weak form of the governing equations reads: Find u,
p, Be,i, xi, G, such that,

((∇w)T ,τ v (IB ,D) + τ e (x0,B) +
2

∑
i=1

τ ve,i (xi,Be,i))−

(w,∇p) = (w, tt)Γt
, (6.29)

(H, (−∇u +GT )) = 0, (6.30)

(z,∇ ⋅u) = 0, (6.31)

(r, ∂xi
∂t

+u ⋅ ∇xi − si (xi, IBe,i
)) = 0, (6.32)

(d + τu ⋅ ∇d,
▽

Be,i +
xiGi0
ηi

(Be,i − I) ⋅Be,i) = 0, (6.33)

for all test functions w, H, z, r and d, and (., .)Γt the inner product on the boundary
Γt. The constitutive equation (6.33) is stabilized using the SUPG method (Brooks
and Hughes, 1982) with the SUPG parameter τ defined as,

τ = h

2U
, (6.34)

with h and U a characteristic element length and velocity, respectively. Furthermore,
the velocity gradient (∇u)T in the constitutive equation is replaced by a ’smoothed’,
gradientG that is found by projection (equation (6.30)) (Baltussen et al., 2010). Note
that no DEVSS is used to stabilize the momentum balance (Bogaerds et al., 2002).

The systems of equations are discretized in time using a semi-implicit Euler
scheme. For the fluid equations, the system reads,

(v, ρ(u
n+1 −un

∆t
+un ⋅ ∇un)) + (Dv,2ηD

n+1)−

(v,∇pn+1) − (v, (2ηDn+1 − pn+1I) ⋅n)
Γo

= 0, (6.35)

(q,∇ ⋅un+1) = 0, (6.36)

where the superscript n denotes the value at time step tn. The nonlinear convective
term in the momentum balance is incorporated explicitly, which is accounted for by
an iterative procedure.

The system of equations for the solid is discretized using the implicit stress for-
mulation (D’Avino and Hulsen, 2010), in which the momentum balance (equation
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(6.29)) is decoupled from the constitutive equation (equation (6.33)). The discretized
system of equations reads,

((∇w)T ,τ v (IBn ,Dn+1) + τ e (xn0 ,B⋆n+1) +
2

∑
i=1

τ ve,i (xni ,B⋆n+1
e,i ))−

(w,∇pn+1) = (w, tnt )Γt
, (6.37)

(H, (−∇un+1 +GTn+1)) = 0, (6.38)

(z,∇ ⋅un+1) = 0, (6.39)

(r, x
n+1
i − xnI

∆t
+un+1 ⋅ ∇xn+1

i − si (xni , IBn
e,i

)) = 0, (6.40)

⎛
⎝
d + τun+1 ⋅ ∇d,

Bn+1
e,i −Bn

e,i

∆t
+un+1 ⋅ ∇Bn+1

e,i − (∇un+1)T ⋅Bn
e,i−

Bn
e,i ⋅ (∇un+1) + x

n+1
i Gi0
ηi

(Bn
e,i − I) ⋅Bn

e,i

⎞
⎠
= 0. (6.41)

The system of equations (6.35-6.41) is solved in three consecutive steps. First, the
new velocity u and pressure p are determined, using a prediction for the deformation
tensor (D’Avino and Hulsen, 2010),

B⋆n+1
e,i =Bn

e,i +∆t
⎛
⎝
−un+1 ⋅ ∇Bn

e,i + (∇un+1)T ⋅Bn
e,i+

Bn
e,i ⋅ ∇un+1 − x

n
i Gi
ηi

(Bn
e,i − I)Bn

e,i

⎞
⎠
. (6.42)

The newly found velocity u is used to update the softening parameters xi (equation
(6.40)) and to determine the projected gradients G (equation (6.38)). The last step
is to update the deformation tensors Be,i by solving equation (6.41).

The computational domain is discretized by three meshes of triangular elements,
representing the fluid, thrombus and wall domains. Quadratic interpolation (P2) is
used for u and xi, while linear interpolation (P1) is used for p, G, and Be,i. The
velocities at the interfaces between the fluid, thrombus and wall are coupled using
collocated Lagrange multipliers. This leads to a continuous velocity field across these
interfaces, while the pressure is allowed to be discontinuous. All simulations presented
here use a time step ∆t = 10−3 s and simulate 15 deformation cycles. The simulation
has been tested for time step and mesh convergence as shown in appendix 6.A.

Both the fluid and solid mesh are updated using an arbitrary Lagrangian Eulerian
(ALE) method, to be able to track the moving boundary of the meshes, and to
maintain regular element shapes. Every time step, a Laplace problem is solved for
both meshes (Hu et al., 2001), where the boundary conditions are such that the
meshes follow the displacement of the thrombus wall, and do not move at the outer
boundaries of the domain. To account for the displacement of the computational grid,
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all convective terms are replaced with,

û ⋅ ∇f = (u −ug) ⋅ ∇f, (6.43)

with ug the velocity of the grid.

6.2.4 Simulated scenarios

The constitutive model is tested for three different variations, being the fluid flow,
the thrombus composition and the thrombus geometry. The influence of the flow is
investigated by increasing the fluid velocity U00 such that the Reynolds number, as
defined in equation (6.10), has values of 0.1, 0.5 and 1.0 (table 6.1). These values are
in the physiological range for a vessel with these dimensions (Robertson et al., 2008).
To study the behavior of thrombi with different compositions, the parameter values in
the constitutive model are varied. The parameter values are such that the constitutive
model describes thrombi formed from whole blood (WB), platelet rich plasma (PRP)
and platelet poor plasma (PPP), as described in chapter 5. A thrombus formed from
WB consists of platelets, fibrin and red blood cells. Thrombi formed from PRP and
PPP contain no red blood cells, and the latter does not contain platelets as well.
Thrombi formed from WB and PRP have similar linear viscoelastic properties, but
those formed from PRP show more strain stiffening. Thrombi formed from PPP
have a lower stiffness but more pronounced nonlinear viscoelastic properties. This is
reflected in the parameter values as given in table 6.1. For convenience, the thrombi
formed from WB, PRP and PPP will be referred to as WB, PR and PP, respectively.

A third variation that is applied is the geometry of the thrombus. A thrombus
with a base length Lt = 30µm and height ht = 25µm is considered as the standard
situation. A more slender thrombus is obtained by decreasing the value of Lt, while
a thicker thrombus is created using a higher value for Lt and a lower value for ht. An
overview of parameter values is shown in table 6.1.

6.2.5 Data analysis

To obtain a quantitative comparison of the different simulations, output quantities
are defined that are followed in time. The deflection of the thrombus is followed using
the horizontal position xt of the top of the thrombus, the point denoted by t in figure
6.1. The amplitude of a deformation cycle is given by,

A (t) = xt (t) − xt (0) . (6.44)

The amplitude A is determined at the moment of maximal fluid velocity during every
deformation cycle.

The softening parameter, that illustrates structural damage to the thrombus, is
followed in a point at the right thrombus wall approximately halfway towards the top
of the thrombus, as shown by the r in figure 6.1. As a measure for the stress within
the thrombus, the von Mises stress is used, defined as,

σvM =
√
σ2
xx − σxxσyy + σ2

yy + 3σ2
xy, (6.45)
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Table 6.1: Parameter values used to test scenarios with different flows, thrombus
composition and geometry

Flow Re = 0.1 Re = 0.5 Re = 1.0

U00, [m/s] 0.002 0.010 0.020

Composition WB PRP PPP

G0, [Pa] 540 590 160

G1, [Pa] 68 61 12

G2, [Pa] 120 92 15

η0, [Pa ⋅ s] 0.65 0.73 0.23

η1, [Pa ⋅ s] 5.4 5.0 0.96

η2, [Pa ⋅ s] 150 120 110

a, [-] 1.9 2.4 2.3

cx, [s−1] 5.0 3.9 0.90

k1, [-] 7.2 22 240

n1, [-] 0.71 0.77 0.66

k2, [-] 52 62 209

Geometry slender standard thick

Lt, [µm] 20 30 40

ht, [µm] 25 25 15

with σxx, σyy and σxy components of the Cauchy stress tensor σ = τ − pI as used in
equation (6.11).

6.3 Results

Results are shown for simulations of the deforming thrombus with different flow con-
ditions, compositions, and geometries.

Figure 6.3 shows the von Mises stress for thrombi with different compositions after
0.25 s of deformation (in the first cycle), together with the fluid velocity magnitude
that is maximal at this moment. The Reynolds number equals 0.1. For all three clot
compositions (WB, (a), PR (b) and PP (c)), the highest von Mises stresses occur in
the middle of the thrombus at the wall. The stresses at the right wall are slightly
higher in comparison with the left wall which is expected since the thrombus moves
towards the right. Both the pattern of the stress, and the values do not differ with
clot composition.
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(a) (b)

(c) (d)

(e) (f)

Figure 6.3: Simulations of deforming thrombi in a flow with Re = 0.1 at the moment
of maximal fluid velocity in the first cycle. Results are shown for WB (a, b) PR (c,
d) and PP (e, f) thrombi. Panels a, c and e show the von Mises stress and the fluid
velocity magnitude. The corresponding values for the softening parameter x0 are
shown in panels b, d and f.

The structural damage, illustrated by the softening parameter of the equilibrium
mode x0, is shown in figure 6.3 for the WB (b), PR (d) and PP (f) thrombi at the
same moment in time. Most of the damage is visible in the PP thrombus, and occurs
at the edges of the thrombus. The WB and PR thrombi are less structurally damaged
at this moment.

Results of the same simulations, but during the 15th deformation cycle are shown
in figure 6.4, for WB (a, b), PR (c, d) and PP (e, f) thrombi. The von Mises stresses,
shown in figure 6.4a, c and e, are overall slightly higher than during the first cycle.
The pattern for the softening parameter, shown in figure 6.4b, d and f, is the same as
during the first deformation cycle, but the values have declined more and the difference
between the PP thrombus and the WB and PR thrombus is more pronounced.

To follow the behavior in time, the deflection of the top of the thrombus, and
the softening at a point at the edge of the thrombus, are followed in time. These
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(a) (b)

(c) (d)

(e) (f)

Figure 6.4: Simulations of deforming thrombi in a flow with Re = 0.1 at the moment
of maximal fluid velocity in the 15th cycle. The von Mises stress and velocity magni-
tude (a, c, e) are shown for WB (a), PR (c) and PP (e) thrombi. The corresponding
softening parameter x0 is shown in panels b, d and f.

results are shown in figure 6.5 for the WB (a, b), PR (c, d) and PP (e, f) thrombi
in flows with Re = 0.1 (purple), 0.5 (red), and 1 (yellow). The simulations of the PP
thrombus in a flow with Re = 0.5 and 1.0 did not reach convergence and are therefore
left out of consideration. The deflection of the thrombi increases with Re, and is
relatively constant for the lower Reynolds numbers but decreases in time for the flow
with Re = 1. The maximal deflection is almost the same for WB and PR thrombi,
while it is larger for the PP thrombus.

The softening parameter, x0, decreases fast during the first deformation cycles
due to accumulation of damage as shown in figure 6.5b, d, f for the WB, PR and PP
thrombi, respectively. The timescale of this decrease is independent of the Reynolds
number, while the final value decreases with increasing fluid velocity. By comparing
the softening parameter and the deflection, it is visible that larger deflections give
more damage. This also explains why the softening parameter has the lowest values
in the PP thrombus.
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The influence of the geometry of the thrombus is shown in figure 6.6 for slender
WB (a, b), PR (c, d) and PP (e, f) thrombi. The situation during the maximum fluid
velocity in the 15th cycle is shown for a flow with Re = 0.1. The von Mises stresses
are higher in comparison with the standard geometry. The softening parameter has
lower values for the slender thrombi as shown by the softening parameter in figure
6.6b, d and f.

The results for thrombi that are thicker than the standard geometry are shown
in figure 6.7. The von Mises stresses are lower in comparison with the standard
geometry. This is also shown by the relatively small amount of damage that occurs
in the thrombi. However, the pattern for the structural damage is qualitatively the
same as for the other geometries.

The amplitude, A, and softening parameter x0 in time are shown for all three
geometries and clot compositions in figure 6.8. For all three compositions, the ampli-
tude increases when the thrombus becomes thinner (panels a, c, e), which also implies
that the softening parameter has a lower value.

6.4 Discussion

In this study, the possibilities of the constitutive model developed in chapter 5 have
been demonstrated in finite element simulations of a deforming blood clot. The
simulations, in which the fluid velocity, the thrombus composition, and the geometry
of the thrombus are varied, are illustrative for the influence of the model on the
deformation of the thrombus.

The model has been used to simulate thrombi with different compositions. The
parameter values to describe the three different compositions are based on the in-vitro
experiments described in chapter 5, but it is known that the composition of a throm-
bus can vary between patients and also in time (Silvain et al., 2011). Furthermore,
such differences occur e.g. between thrombi that develop in veins and arteries. The
former clots are often called ’red thrombi’ because of their high red blood cell con-
tent, while the arterial thrombi contain more platelets and are therefore called ’white
thrombi’ (Franchini and Mannucci, 2008, Lippi et al., 2011). The results shown in
this study illustrate that the thrombi with different compositions behave differently,
and illustrate that the model provides a useful tool to investigate this in more detail.

The simulations with different thrombus geometries show that this is an important
factor to take into account. The geometry does not only influence the behavior of the
thrombus itself, as shown in this study, but also influences the local fluid dynamics
in the proximity of the thrombus. This is an important factor in the simulation of
blood clot mechanics (Nesbitt et al., 2009, Westein et al., 2013) which can be studied
using the simulations illustrated here.

Although the results in this study demonstrate an important application of the
constitutive model in finite element simulations, care has to be taken with the results
obtained. Some of the simulations with the PP thrombi did not reach convergence
due to the increasing deformation of the thrombus at higher Reynolds numbers. A
step-wise implementation of the constitutive model, with benchmark problems along
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the way, will be useful to validate the numerical method in detail and increase the
stability of the implementation. When these issues are resolved, the model is suitable
for more advanced simulations of blood clot formation, and can be combined with the
previously developed framework for a growing thrombus (Storti, 2014).

6.5 Conclusion

The constitutive model developed in chapter 5 has been implemented for simulations
of a deforming and restructuring thrombus in an oscillatory flow. The influence of
the flow, thrombus composition and geometry have been demonstrated. The different
scenarios illustrate the possibilities of the model but the results also show that there
are still some numerical issues left that have to be resolved before further predictions
can be made using the model. Then the next step should be to combine the con-
stitutive model with the framework developed by Storti et al. (2014) and Storti and
van de Vosse (2014). This would result in a complete model to describe blood clot
formation in a flowing environment with realistic constitutive behavior.
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Figure 6.5: The amplitude A and softening parameter x0 in time for WB (a, b),
PR (c, d) and PP (e, f) thrombi in a flow with Re = 0.1 (purple), Re = 0.5 (red) and
Re = 1.0 (yellow). For the PP thrombus, the simulations with Re = 0.5 and 1.0 did
not reach convergence and are therefore not shown.
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(a) (b)

(c) (d)

(e) (f)

Figure 6.6: Deformation of slender thrombi in a flow with Re = 0.1 at the moment of
maximal fluid velocity in the 15th cycle. The von Mises stress and velocity magnitude
(a, c, e) are shown for WB (a), PR( c) and PP (e) thrombi. The corresponding
softening parameter x0 is shown in panels b, c and f.
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(a) (b)

(c) (d)

(e) (f)

Figure 6.7: Deformation of thick thrombi in a flow with Re = 0.1 at the moment of
maximal fluid velocity in the 15th cycle. The von Mises stress and velocity magnitude
(a, c, e) are shown for WB (a), PR (c) and PP (e) thrombi. The corresponding
softening parameter x0 is shown in panels b, d and f.



Numerical simulation of blood clots 115

0 5 10 15
0

0.2

0.4

0.6

0.8

Time [s]

A
 [µ

m
]

(a)

0 5 10 15
0.94

0.96

0.98

1

Time [s]
x 0 [−

]
(b)

0 5 10 15
0

0.2

0.4

0.6

0.8

Time [s]

A
 [µ

m
]

(c)

0 5 10 15
0.94

0.96

0.98

1

Time [s]

x 0 [−
]

(d)

0 5 10 15
0

0.2

0.4

0.6

0.8

Time [s]

A
 [µ

m
]

(e)

0 5 10 15
0.94

0.96

0.98

1

Time [s]

x 0 [−
]

(f)

Figure 6.8: The amplitude A and softening parameter x0 in time for WB (a, b),
PR (c, d) and PP (e, f) thrombi with a slender (purple), standard (red) and thick
(yellow) geometry in a flow with Re = 0.1.



116 Chapter 6

6.A Time step and mesh convergence
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Figure 6.9: The normalized deformation of a WB thrombus in a flow with Re = 0.1
for a coarse mesh and time step of 10−3 s (red) and a fine mesh with time step of
5 ⋅ 10−4 s (yellow). Since the simulations give the same result, all simulations are
performed on the coarse mesh with a time step of 10−3 s.
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This thesis describes the development of constitutive models for the mechanical
behavior of the developing blood clot and its deformation induced degeneration. The
performance of the model is shown by a comparison with the results of rheological
experiments. Furthermore, its application in numerical simulations of blood clot
deformation has been demonstrated. This chapter summarises the main conclusions
of this thesis and provides recommendations for future research.

7.1 Conclusions

• The first step in the development of the constitutive model is made in chapter
2 by focusing on the maturation of the fibrin network. The model does not
describe the initial formation of the fibrin network itself but only its maturation.
Nevertheless, the model can be used to describe blood clot formation, because
during the initial fibrin network formation phase, platelet aggregation takes
place which has to be described by a separate model that can be combined with
the current model. This means that the model for platelet aggregation will fill
the gap between the start of clotting and the fibrin maturation that exists in
the current model.

• The model for the fibrin network is extended to describe the nonlinear viscoelas-
tic properties of the mature fibrin network in chapter 3. A large amplitude
oscillatory shear (LAOS) deformation is used to unravel this complex nonlinear
behavior experimentally. By making the shear modulus and viscosity of the
Kelvin-Voigt model a function of the current and past deformation, the model
is able to capture this behavior.

• The structural properties of the fibrin network are influenced by the concentra-
tion of the HEPES buffer, as shown in chapter 4. Although this serendipitous
influence is not fully understood yet, it provides an attractive opportunity to
control the structure of the fibrin network without having to apply unphysio-
logical conditions such as high pH or ionic strength (Ferry and Morrison, 1947).
This could be applied e.g. to study the interaction between fibrin and platelets
or other cells (Jansen et al., 2013).

• The model developed for the fibrin network is adapted in chapter 5 to describe
the mechanical properties of a thrombus. It turns out that the mechanical be-
havior of fibrin observed in chapters 2 and 3 is also illustrative for blood clots.
Thrombi containing fibrin in addition to red blood cells and/or platelets are
studied experimentally and show qualitatively the same nonlinear viscoelastic
behavior as the fibrin network. From an experimental point of view it is at-
tractive that the contributions from fibrin, platelets and red blood cells can be
separated. This approach could be used to explicitly model these different con-
tributions, as opposed to the current approach in which the composition of the
clot is incorporated in the parameter values.

• An important lesson learned from this thesis is that the deformation history
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of the thrombus is a crucial determinant for its mechanical properties. So far,
models have treated the thrombus, or its components, as a purely nonlinear
elastic material and thereby focus on the instantaneous deformation. The model
developed in this thesis enables a description based on the entire deformation
history of the thrombus.

• The model has been specifically developed to describe the nonlinear viscoelastic
behavior of blood clots, but there are many materials that show similar behavior.
These include biopolymers such as collagen (Münster et al., 2013) and keratin
(Ma et al., 1999), but also soft tissues such as skin (Lamers et al., 2013). In
principle, the model should be able to describe the behavior of these materials
as well.

• The model developed contains a number of parameters that are found using a
step-wise fitting procedure. A global sensitivity analysis is applied to determine
the influence of the uncertainty of the parameter values on the model output.
The importance of such an analysis is not only that it shows the influence of pa-
rameters on the output, but also that it can be used to simplify the model. The
phenomenological description of the nonlinear viscous dissipation contains two
parameters, k2 and n2, in the model for the fibrin network (chapter 3). How-
ever, the sensitivity analysis indicated that the value of n2 has little influence
on the output of the model. Therefore, n2 can be set to one in the model for the
thrombus (chapter 5) and is therefore effectively removed from the equation.

• The results of the model are compared with rheological experiments in which
the mechanical behavior of the blood clots is probed using an oscillatory shear
deformation. Although this is a simple deformation, it is an advantage that it
gives insight into the complex viscoelastic behavior of the clots while still en-
abling a reasonable explanation of the results. Furthermore, the transition from
linear to nonlinear deformations is straightforward in an oscillatory deformation.
Other deformations, such as extension (Brown et al., 2009) or compression (Kim
et al., 2014) have to be used to fully test the model, but it is expected that the
simple shear deformation applied in this thesis is the main deformation mode
in physiological applications and therefore a good starting point.

• The constitutive model developed is suitable for finite element simulations of
blood clot formation. In chapter 6 it is demonstrated how the model can be
used in such simulations to study e.g. the influence of thrombus composition
on its behavior in an oscillatory flow. This shows that the model is a valuable
contribution to the simulation of blood clot formation, but it is also clear that
the implementation as performed in this study needs further verification before
it can be used reliably in more advanced simulations.
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7.2 Recommendations

• The model developed in this thesis describes the results of rheological experi-
ments. This gives confidence in the model, but more experimental validation
is essential if one wants to apply the model to more advanced simulations of
blood clot formation. The most attractive way to corroborate such simulations
is the use of a microfluidic experiment in which the formation of the clot can be
followed in time and space (see e.g. Nesbitt et al. (2009), Westein et al. (2013)).
Efforts have already been made to develop such a setup (Neerincx, 2012, Tuinen-
burg, 2013), and preliminary results have been obtained in experiments (Jacobs,
2013) and computations (Storti, 2014). These results are promising but it re-
mains a major challenge to develop experiments that are suitable to validate a
simulation. It is therefore advised that such an experimental validation should
be the main objective of any further research.

• The parameters in the constitutive model for the maturing fibrin network are
related to its structural properties. This is a major advantage that is not present
in the model for the blood clot where a more phenomenological approach is
followed. It is possible to include more structural information about the blood
clot in the model e.g. to relate the description of strain stiffening to the behavior
of single fibers within the network (Münster et al., 2013). One could also think
of a model for the temporal platelet concentration that could be combined with
the present model (Storti et al., 2014). However, it is not always necessary to
include more structural information. In the case of the maturing fibrin network
it is useful to use the fiber mass-length ratio as a parameter because it can
be measured experimentally, but if one wants to use the model in numerical
simulations, a phenomenological description as applied in the thrombus model
might already give satisfying results. This trade off between the desired physical
description and added complexity is important to keep in mind.

• The model describes the linear viscoelastic properties of the developing clot and
the nonlinear viscoelastic properties of the mature clot. These two processes
have been separated deliberately to avoid that the large deformations interfere
with the thrombus formation. However, in principle it is possible to combine
these two aspects, and use the model to study the formation of the clot while
it experiences large deformation, which is probably more representative for the
situation in a blood vessel.

• It is an attractive opportunity to control the structure of the fibrin network using
the concentration of the HEPES buffer. The mechanism behind this interaction
is not known yet, but it might be possible that other aggregating biopolymers,
e.g. collagen (Münster et al., 2013) and actin (Gardel et al., 2004), can be
influenced in a similar way. Therefore, this method has a high potential and
deserves it to be further unravelled.

• In the finite element simulations, the constitutive model for the blood clot is
implemented as a viscoelastic fluid, although it describes a viscoelastic solid.
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The benefit that has been made use of is that the elastic equilibrium mode can
be described as a viscoelastic mode with a very large relaxation time, such that
the model is in principle a standard multi-mode viscoelastic model. In future
work, it is advised to maintain this description as a fluid, because an additional
benefit will be that it is relatively easy to describe the transition from fluid-
like to solid-like behavior that occurs during blood clot formation using the
relaxation time of the viscoelastic modes in the current implementation.

• The modular approach followed during the development of the model makes it
relatively easy to extend it in various directions. An example is the description
of the kinetics of the fibrin network maturation, that can be easily replaced
with a more complex model that predicts the fibrin concentration in time. It is
advised to maintain this modular approach when the model is extended e.g. to
include the biochemistry of the platelet aggregation. Although it is attractive
to extend the model in many different directions, it is advised to do so only if
a decent experimental validation is available.
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Samenvatting

Reologische eigenschappen van het zich vormende
bloedstolsel

Een bloedstolsel ontstaat na het beschadigen van een bloedvat om overmatig bloed-
verlies te voorkomen. Hierbij vindt een transformatie plaats van vloeibaar bloed naar
een vast stolsel. Wanneer zich een stolsel in een bloedvat vormt, kan dit grote gevol-
gen hebben. Een voorbeeld hiervan is de vorming van een stolsel na het scheuren
van een atherosclerotische plaque. Dit stolsel kan het bloedvat afsluiten waardoor de
bloedstroom stagneert met alle gevolgen van dien. Een andere mogelijkheid is dat het
stolsel niet sterk genoeg is, afbreekt, en een verderop gelegen bloedvat blokkeert. Dit
laat zien dat het functioneren van een bloedstolsel voor een groot deel afhangt van de
mechanische eigenschappen.

De mechanische eigenschappen van het stolsel worden grotendeels bepaald door de
componenten waaruit het ontstaat. Desondanks is de oorsprong van deze eigenschap-
pen nog niet volledig begrepen, en al helemaal niet te voorspellen. Redenen hiervoor
zijn de vele componenten die een rol spelen en de complexe omgeving waarin het
stolsel zich doorgaans vormt. Middels experimenten zijn reeds veel inzichten verkre-
gen en deze kennis is gebruikt om computermodellen te ontwikkelen en zo een beter
begrip te verkrijgen van de reologie van bloedstolling. Echter, een model dat de
mechanische eigenschappen van het stolsel tijdens zijn vorming beschrijft als functie
van de compositie ontbreekt. Daarnaast bestaat er geen model dat de niet-lineaire
viscoelastiche eigenschappen van het bloedstolsel beschrijft. Het doel van dit werk is
dan ook om een constitutief model te ontwikkelen dat de mechanische eigenschappen
beschrijft van het zich vormende bloedstolsel en het niet-lineaire viscoelastiche gedrag
van het gevormde stolsel.

Dit proefschrift richt zich in eerste instantie op fibrine. Dit is de voornaamste struc-
turele component van het bloedstolsel omdat het een vezelachtig netwerk vormt in het
stolsel waardoor de sterkte toeneemt. Hoofdstuk 2 beschrijft de ontwikkeling van een
constitutief model voor het groeiende fibrinenetwerk. Het model is gebaseerd op het
Kelvin-Voigt model waarbij de afschuifmodulus en viscositeit gerelateerd worden aan
de momentane fibrineconcentratie. De resultaten van het model zijn in overeenstem-
ming met de uitkomst van experimenten en laten zien dat het model de reologische
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eigenschappen van het zich vormende fibrinenetwerk kan beschrijven.

Het model wordt uitgebreid in hoofdstuk 3 zodat het ook de niet-lineaire vis-
coelastiche eigenschappen van het stolsel kan beschrijven. De resultaten van ex-
perimenten waarbij een oscillerende deformatie met grote amplitude wordt opgelegd,
laten drie in het oog springende niet-lineaire eigenschappen zien: de stijfheid van
het fibrinenetwerk neemt af gedurende meerdere deformatiecycli, de stijfheid van het
netwerk neemt toe als de deformatie toeneemt, evenals de viskeuze dissipatie. Deze
drie eigenschappen worden beschreven door de modulus en viscositeit afhankelijk te
maken van de deformatie(historie). Hierdoor kan het model het tijdsafhankelijke,
niet-lineaire viscoelastische gedrag van het fibrinenetwerk beschrijven.

Een nieuwe, onvoorziene, mogelijkheid om de eigenschappen van het fibrinenetwerk
experimenteel te bëınvloeden wordt beschreven in hoofdstuk 4. Gebruikmakend van
reometrie, microscopie en turbidimetrie, wordt aangetoond dat de concentratie van
de veelvuldig gebruikte HEPES buffer invloed heeft op de structurele eigenschappen
van het netwerk. Het mechanisme achter dit fenomeen is nog niet bekend, maar het
is duidelijk dat deze methode een attractieve manier is om de eigenschappen van het
fibrinenetwerk te controleren.

De uitbreiding naar een constitutief model voor het volledige stolsel wordt gemaakt in
hoofdstuk 5, waar de bijdrage van bloedplaatjes en rode bloedcellen aan de mecha-
nische eigenschappen wordt beschreven. Deze stolsels vertonen soortgelijk niet-lineair
viscoelastisch gedrag als het fibrinenetwerk. Het constitutief model is uitgebreid met
twee viscoelastiche Maxwell elementen om dit gedrag te kunnen beschrijven. Het
model is in staat tot een nauwkeurige beschrijving van het reologisch gedrag van de
stolsels tijdens hun vorming en gedurende grote oscillerende deformaties.

Een belangrijke toepassing van het constitutief model is het simuleren van de vorming
van een bloedstolsel in een fysiologische, pulsatiele bloedstroom. Een numeriek model
en de eerste simulatieresultaten worden beschreven in hoofdstuk 6. De simulaties
beschrijven de deformatie van stolsels met een verscheidenheid aan samenstellingen
en geometrieën in een pulsatiele stroming. De resultaten laten zien hoe het model
gebruikt kan worden om bloedstolling te onderzoeken.

Hoofdstuk 7 geeft de belangrijkste conclusies van dit proefschrift en aanbevelin-
gen voor vervolgonderzoek. Het constitutief model dat in dit proefschrift beschreven
wordt is in staat om de reologische eigenschappen van het bloedstolsel te beschrijven,
zoals aangetoond door de vergelijking met experimenten. Het model is geschikt om
toegepast te worden in simulaties van bloedstolling. De veelzijdigheid van het model
maakt het uitermate geschikt om uitgebreid te worden indien gewenst. Het wordt
echter aangeraden om aandacht te besteden aan een grondige experimentele validatie
voordat dergelijke uitbreidingen gemaakt worden.
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