F IBRIN STRUCTURE AND MECHANICS
A JOURNEY ACROSS SCALES

Bart Eduard Vos

This thesis was reviewed by:
Prof. dr. M. de Groot
Prof. dr. R.A.S. Ariëns
Prof. dr. C. Storm
dr. P.H.J. Kouwer
Prof. dr. P. Schall

Vrije Universiteit
University of Leeds
Technische Universiteit Eindhoven
Radboud Universiteit Nijmegen
Universiteit van Amsterdam

The work described in this thesis was performed at AMOLF, Science Park 104, 1098 XG
Amsterdam, The Netherlands. This work is part of the research program of the Foundation for Fundamental Research on Matter (FOM), which is financially supported by the
Netherlands Organisation for Scientific Research (NWO).

© B.E. Vos, 2018
Cover
The great journey depicted on the cover contains a range of length
scales, whose ratio spans the same range as the ratio of the smallest
to the largest length scale found in this Thesis.
Cover design
Linda Brouwer
Printed by
Ipskamp, Amsterdam, The Netherlands

ISBN 978-94-92323-21-7
A digital version of this thesis can be obtained from http://www.amolf.nl and from
www.ub.vu.nl. Printed copies can be obtained by request via library@amolf.nl.

VRIJE UNIVERSITEIT

F IBRIN STRUCTURE AND MECHANICS
A JOURNEY ACROSS SCALES

ACADEMISCH PROEFSCHRIFT
ter verkrijging van de graad Doctor
aan de Vrije Universiteit Amsterdam,
op gezag van de rector magnificus
prof.dr. V. Subramaniam,
in het openbaar te verdedigen
ten overstaan van de promotiecommissie
van de Faculteit der Bètawetenschappen
op vrijdag 5 oktober 2018 om 9.45 uur
in de aula van de universiteit,
De Boelelaan 1105

door
Bart Eduard Vos
geboren te Purmerend

promotor:

prof.dr. G.H. Koenderink

Aan mijn muze

C ONTENTS
1 Introduction
1.1 Fibrin . . . . . . . . .
1.2 Polymer theory . . . .
1.3 A journey across scales
1.4 Thesis outline . . . . .
1.5 Ollekebolleke . . . . .

.
.
.
.
.

.
.
.
.
.

1
2
3
4
5
5

2 Quantitative analysis of the structure of fibrous networks by light scattering
2.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
2.2 Materials and Methods . . . . . . . . . . . . . . . . . . . . . . . . . .
2.2.1 Fibrin . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
2.2.2 Turbidimetry. . . . . . . . . . . . . . . . . . . . . . . . . . . .
2.2.3 Confocal microscopy. . . . . . . . . . . . . . . . . . . . . . . .
2.3 Light scattering models . . . . . . . . . . . . . . . . . . . . . . . . . .
2.3.1 Mie scattering on spherical and rod-shaped particles . . . . . . .
2.3.2 Light scattering models for fibrous networks. . . . . . . . . . . .
2.3.3 Fractal dimension . . . . . . . . . . . . . . . . . . . . . . . . .
2.4 Results and discussion . . . . . . . . . . . . . . . . . . . . . . . . . .
2.5 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .

.
.
.
.
.
.
.
.
.
.
.

9
11
12
12
12
14
14
16
19
21
25
28

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

.
.
.
.
.

Appendices
31
2.A Fractal dimension: Mikado networks and box counting. . . . . . . . . . . 31
2.B Residuals of turbidimetry fitting . . . . . . . . . . . . . . . . . . . . . . 34
3 Elasticity and hydraulic permeability govern normal force in fibrin networks
3.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.2 Modeling the normal force under shear and compression . . . . . . . . .
3.2.1 Shear deformation . . . . . . . . . . . . . . . . . . . . . . . . . .
3.2.2 Uniaxial compression . . . . . . . . . . . . . . . . . . . . . . . .
3.3 Materials and Methods . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.3.1 Materials . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.3.2 Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.3.3 Application of the biphasic model to sheared networks . . . . . . .
3.4 Results and discussion . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.4.1 Normal force under shear deformation . . . . . . . . . . . . . . .
3.4.2 Transient startup regime during oscillatory shear measurements . .
3.4.3 Influence of rheometer shear cell geometry on the normal stress
signal . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
3.4.4 Normal force under uniaxial compression . . . . . . . . . . . . . .
vii

35
37
40
40
45
45
45
46
52
53
53
57
59
60

viii

C ONTENTS
3.5 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 64
Appendices
65
3.A Compression of fine clot and coarse clot fibrin gels at multiple protein
concentrations . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 65

4 Connecting fibrin’s structure and mechanics by a multiscale approach
4.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
4.2 Background on small-angle X-ray scattering . . . . . . . . . . . . .
4.3 Materials and Methods . . . . . . . . . . . . . . . . . . . . . . . .
4.3.1 Fibrin polymerization . . . . . . . . . . . . . . . . . . . . .
4.3.2 Tensile testing . . . . . . . . . . . . . . . . . . . . . . . . .
4.3.3 Rheology . . . . . . . . . . . . . . . . . . . . . . . . . . . .
4.3.4 Confocal rheology . . . . . . . . . . . . . . . . . . . . . . .
4.3.5 Small Angle X-ray Scattering . . . . . . . . . . . . . . . . . .
4.3.6 Nematic order parameter . . . . . . . . . . . . . . . . . . .
4.3.7 Simulations of affine deformations on randomly oriented rods
4.4 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
4.4.1 Strain-induced fiber alignment . . . . . . . . . . . . . . . .
4.4.2 Strain-induced monomer lengthening . . . . . . . . . . . . .
4.4.3 SAXS-response of fibrin under extension. . . . . . . . . . . .
4.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
4.6 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .

.
.
.
.
.
.
.
.
.
.
.
.
.
.
.
.

.
.
.
.
.
.
.
.
.
.
.
.
.
.
.
.

Appendices
4.A Background subtraction . . . . . . . . . . . . . . . . . . . . . . . . .
4.B Filament orientation and elongation with volume-decreasing network extension . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .
4.C Peak position parallel and perpendicular to strain direction . . . . . . .
4.D Comparison of the peak position of 2017 and 2018 beamline sessions . .
4.E Nonlinear rheology of des-αC fibrin networks . . . . . . . . . . . . . .
4.F Network failure in confocal rheology . . . . . . . . . . . . . . . . . . .
5 Fibrin network remodeling under cyclic shear or compressive loading
5.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . .
5.2 Materials and Methods . . . . . . . . . . . . . . . . . . . . . . .
5.2.1 Fibrin network rheology . . . . . . . . . . . . . . . . . . .
5.2.2 Optical tweezers . . . . . . . . . . . . . . . . . . . . . . .
5.2.3 Scanning electron microscopy . . . . . . . . . . . . . . . .
5.2.4 Confocal microscopy. . . . . . . . . . . . . . . . . . . . .
5.2.5 Simulations . . . . . . . . . . . . . . . . . . . . . . . . .
5.3 Results and discussion . . . . . . . . . . . . . . . . . . . . . . .
5.3.1 Fibrin shear and compression . . . . . . . . . . . . . . . .
5.3.2 Optical tweezers . . . . . . . . . . . . . . . . . . . . . . .
5.3.3 Molecular origin of network rigidification . . . . . . . . . .
5.3.4 Simulations . . . . . . . . . . . . . . . . . . . . . . . . .
5.4 Conclusions. . . . . . . . . . . . . . . . . . . . . . . . . . . . .

.
.
.
.
.
.
.
.
.
.
.
.
.

.
.
.
.
.
.
.
.
.
.
.
.
.

.
.
.
.
.
.
.
.
.
.
.
.
.

.
.
.
.
.
.
.
.
.
.
.
.
.
.
.
.

67
69
73
73
73
74
78
78
79
88
90
97
97
99
104
106
110

115
. 115
.
.
.
.
.

117
118
120
121
123

.
.
.
.
.
.
.
.
.
.
.
.
.

125
127
128
128
129
131
131
131
132
132
135
136
142
147

C ONTENTS
6 Designing and building a light sheet microscope
6.1 Introduction . . . . . . . . . . . . . . . .
6.2 Materials and Methods . . . . . . . . . . .
6.2.1 Setup design . . . . . . . . . . . . .
6.2.2 Electrical circuit . . . . . . . . . . .
6.2.3 Sample preparation . . . . . . . . .
6.3 Results . . . . . . . . . . . . . . . . . . .
6.4 Conclusion and Outlook . . . . . . . . . .

ix

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

.
.
.
.
.
.
.

149
150
152
152
155
156
157
160

7 Summary and Outlook
7.1 Summary . . . . . . . . . . . . . . . . . . .
7.2 Outlook . . . . . . . . . . . . . . . . . . . .
7.2.1 Axial and shear superposition rheology
7.2.2 Single-fiber stretching experiments . .

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

.
.
.
.

161
162
164
164
165

Samenvatting

173

About the author

177

Acknowledgements

179

Bibliography

181

1
I NTRODUCTION
Telephones! Holidays!
First-world necessities.
Are these the topics
this Thesis will face?
No! It’s a key to our
survivability.
Blood clots are strong; but why
is this the case?

1

2
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1. I NTRODUCTION

IBROUS networks are everywhere. They form the structural framework of cells, connective tissues and living systems [1], and they are also utilized in many man-made
materials [2]. Figure 1.1 shows a small selection of examples of both naturally occurring and man-made fibrous structures, from the microscopic (paper) to the macroscopic
(Zwinger palace, Dresden, Germany) level. A striking feature is how little space is occupied by the fibers in fibrous materials, be it concrete beams in a building or calcified
collagen fibers in bone, yet they form a mechanically robust entity.
In living systems, which are very crowded places [3, 4], high rigidity at a low volume fraction is a welcome feature. For instance, the fibrous cytoskeleton of the cell,
consisting of actin, septin, intermediate filaments and microtubules, accommodates organelles and regulate cellular growth, mechanical integrity, shape change, division and
transport [5, 6]. Likewise, the fibrous extracellular matrix, mainly collagen, which is the
most abundant protein in our bodies [7], accommodates cells, and allows for nutrient
transport. It is then no surprise that fibrous networks are the mechanical scaffold for
life, both within the cell and outside.

F

Figure 1.1: Three examples of natural and man-made structures where a fibrous material acts as
the mechanical scaffold, on the scale of micrometers, millimeters, and meters. Paper is a meshwork of cellulose fibers; the wrist bones are porous networks of collagen fibers reinforced with
calcium phosphate crystals [8–10]; and buildings gain their strength from a stone (or metal reinforced concrete) skeleton. All pictures are owned by B.E. Vos.

1.1. F IBRIN
In this thesis we will focus on another type of extracellular matrix that is found in our
body. After damage of a blood vessel, a cascade of biological events takes place that
is the blood clotting process. This is schematically illustrated in Figure 1.2. In brief,
a damaged blood vessel initiates an enzymatic cascade that results in the activation of
prothrombin, the precursor of thrombin. This enzyme cleaves two peptides from the
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fibrinogen monomer that is dissolved in our blood. The fibrinogen monomers start to
assemble into thin, double-stranded protofibrils, which in turn form thick fibers. The
result is that a provisional network of fibrin is formed, to temporarily seal off the wound
site.
The discovery of fibrin dates back to 1666, when Malpighi’s De Polypo cordis, literally translated as ‘On the cardiac polyp’, was published [11]. Since then, fibrin matrices
have been studied extensively in the context of their biological function in haemostasis
[12]. Moreover, fibrin has gained a wide range of applications, from medical sealant to
3D scaffold for cell culture. For these applications, but also in the light of obstructive
intravascular clots [13], an understanding of the mechanical behaviour of fibrin is very
relevant.

Figure 1.2: Formation of a blood clot in a damaged blood vessel. From left to right: Prothrombin
(green) is activated through a cascade of enzymatic reactions (black arrow), upon which it cleaves
fibrinopeptides A and B from fibrinogen (grey). This causes fibrinogen to assemble into fibrils,
which, together with platelets (white) and red blood cells (red) seal off the wound site.

1.2. P OLYMER THEORY
The mechanical behaviour of the fibrin network, both at small and large deformations,
is relatively well understood on a coarse-grained level, by describing the network as an
elastic fibrous material [14, 15]. In this model, the constituent filaments are described
as continuum elastic beams with a certain bending and stretching modulus, that is, an
energy penalty to bend or stretch a filament when the network is deformed. Upon deformation of these simulated networks, an energy will be required to accommodate the
deformation, and by minimizing the energy of the whole network, the (elastic) response
of the network is simulated.
A large variety of physical networks can be simulated by the right choice of these
bending and stretching moduli. In Figure 1.3 we schematically present three different
kinds of networks. By choosing a large bending modulus, i.e. a large energy requirement to bend a filament, the typical length over which correlations in the direction of
the tangent are lost due to thermal fluctuations, the persistence length l p , is large. Examples include macroscopic structures such as buildings, but also collagen networks.
Synthetic polymers typically have a very small persistence length, and in between these
limiting cases we find semiflexible polymers, a broad category that contains e.g. DNA

1
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1. I NTRODUCTION

and actin filaments, but also the double-stranded protofibrils that are formed from fibrin monomers [16]. Interestingly, fibrin fibers, which are cross-linked bundles of these
protofibrils [17–21], are on the boundary between semiflexible and rod-like. Since the
fiber thickness can be tuned by changing the assembly conditions [22], fibrin can be directed into either of the categories.
Another parameter that characterizes a network is the architecture by which the filaments are connected. Simple spring networks require a connectivity, the number of
filaments that meet at a node, of at least 6 for a mechanically stable network [23], while
due to the stabilizing effects of stress and the large bending resistance of fibers, fibrous
networks can form stable networks at lower connectivity [24–27], up to the point where
removal of a single bond would reduce the network from stable to floppy, the so-called
marginal point [28–30].

l ≪ lp

l ≈ lp

l ≫ lp

Figure 1.3: Three examples of polymer networks where the constituent fibers have different persistence lengths l p . The fibers in the leftmost network have a large persistence length compared
to their length l , such that the filaments behave as stiff, rod-like elements. The fibers in the middle
network have a persistence length on the order of the filament length, acquiring the classification
“semiflexible”. In this case, the network elasticity is entropic in origin. The fibers in the rightmost
network have a small persistence length, such that the filaments are flexible. In the latter two cases,
the fibers are susceptible to thermal fluctuations.

1.3. A JOURNEY ACROSS SCALES
An understanding of the mechanical behaviour of fibrin gels based on a model of semiflexible filaments ignores three important aspects, that we address in this Thesis. These
aspects are illustrated in Figure 1.4. Firstly, the fibrin clot is a hydrogel, consisting of an
elastic network of protein, and a viscous solvent. Although the solvent phase accounts
for more than 99% of the mass of the gel, it is not taken into account in existing models. Indeed, the elastic properties of the static gel purely originate from the network, but
during deformation of the clot, solvent movement is induced and its role can no longer
be neglected. Secondly, current models ignore the internal structure of the fibrin fibers,
which consist of cross-linked bundles of protofibrils, and the molecular packing structure of the protofibrils themselves. There are indications that the extreme stretchiness of
fibrin [31] originates from the molecular scale, and propagates toward the network level
through a complex interplay between monomers, protofibrils, and fibers [32]. Finally,
filaments in the semiflexible fiber model are purely elastic. However, in the real world,
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inelasticity is ubiquitous in biology [33]. Also the fibrin network has the ability to change
its morphology in response to mechanical loading, both on the level of the network and
of the individual fibers [34, 35].

1.4. T HESIS OUTLINE
In this Thesis, we study the structure and mechanical behaviour of fibrin networks by
taking a reductionist approach. We use reconstituted fibrin networks, out of their biological context, since the assembly of fibrin into a mature network is a complex biological
process. This approach removes the influence of mechanical stimuli from contracting
platelets [36, 37], steric interactions from high densities of red blood cells [38], or chemical stimuli from the complex cascade pathway of coagulation factors [39].
We start this Thesis by implementing and advancing three light scattering models, to
reliably determine the radius and mass density of fibrin fibers (Chapter 2). We then ask
how the complex structure of fibrin and its constituent fibers, protofibrils and monomers
relate to the network’s complex mechanical properties. In particular, we split this question in three parts (not entirely coincidentally at three different length scales), which we
summarize graphically in Figure 1.4.
We start in Chapter 3 on the network scale, schematically illustrated in the bottom
left. Although fibrin is a hydrogel, consisting almost entirely of water, the solvent has
until now been ignored in literature in the description of the mechanical behaviour of
the network. We show, both experimentally and theoretically, that solvent-network interactions govern the mechanical behaviour of fibrin networks on time scales that are
comparable to the time scale of solvent flow through the network. In Chapter 4, top-right
in the schematic, we correlate, through in situ structural measurements by X-ray scattering and microscopy in conjunction with mechanical deformation, structural changes of
the fibrin network and its constituents to the mechanical properties. More specifically,
we see fiber alignment consistent with an affine deformation field, and at higher strains
changes in the packing structure of the fibers, indicating that flexible, unstructured domains of the fibrin monomer are stretched. Thirdly, in Chapter 5, we show, in a combination of experimental work and network simulations, that fibrin networks exhibit plasticity arising from fiber-fiber interactions, mediated by the flexible, unstructured domains
of the fibrin monomer that spontaneously bond when brought in contact. Stresses on
these newly formed bonds in turn strongly enhance the network’s stiffness.
In Chapter 6 we present the development of a light sheet microscope, in combination
with a device that can stretch fibrin gels. This setup allows us to perform both rapid and
long-term microscopy measurements of fibrin network remodeling in response to tensile loading. Finally, in Chapter 7 we summarize our findings, and present some further
thoughts on the work presented in this Thesis.

1.5. O LLEKEBOLLEKE
It is my firm belief that Art and Science are not two unrelated institutions. In our educational system, and consequential, to a certain extend also in our society, there is a
tendency to classify subjects either as Art or as Science. However, one can be found in

1
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1

(i)

(ii)
500 nm

(iii)
Figure 1.4: A scanning electron microscope image of a fibrin gel (see Chapter 5 for details on
sample preparation and imaging settings). The three focal points of this Thesis are encircled: (i)
the internal structure of fibrin filaments; (ii) the interaction between fibrin fibers; and (iii) the role
of the solvent and filament-solvent interactions in the mechanical properties of the fibrin network.
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the other and vice versa, mutually strengthening the conveyed message. Bearing this
in mind, combined with my desire to convey the messages of this Thesis to a public as
broad as possible, all Chapters in this Thesis are introduced with a brief summary of the
Chapter by a small poem, in the style of the Ollekebolleke.
This verse form is known in English as Higgledy-piggledy, and was introduced into
the Dutch language by Heinz Polzer [40]. Since I will use the Dutch adaptation of the
rules for writing this form of poetry, I will also refer to the poems by their Dutch name
(for a detailed account on the differences between the English and Dutch definition, see
Ref. [40]). An Ollekebolleke is strictly defined with mathematical precision. It consists
of eight lines, divided in two groups of four. Each line has six syllables with emphasis on
the first and fourth syllable (a dactylic hexameter), except the fourth and last line, which
have four syllables (still with emphasis on the first and fourth syllable). The fourth and
eight line are in rhyme. The sixth line has to consist of a single word (which poses a challenge in the English language, since six-syllable words are relatively rare1 ). An example
is shown here:
Dactylus! Dactylus!
Ollekebolleke
Two times four lines that should
rhyme at their end.
One word containing
Six-syllabicity
Joy for the poet
When effort is spent.
I hope the reader finds reading the Ollekebolleke’s in this Thesis informative, and as
enjoyable as it was to write them.

1 In e.g. Dutch, merging of two nouns is allowed, allowing a much greater variety in six-syllable

words. This might have contributed to the popularity of the Ollekebolleke in the Dutch language.

1

2
Q UANTITATIVE ANALYSIS OF THE
STRUCTURE OF FIBROUS
NETWORKS BY LIGHT SCATTERING
“Miss, what’s your weight today?
Is that size forty-four?”
Asking this question:
not decent, nor wise.
Yet with the aid of a
Spectrophotometer
Fibers will tell us
their mass and their size.

Fibrous structures are ubiquitous in nature, being found in both unicellular and multicellular organisms, on a wide variety of length scales. They are also present in many
man-made materials, made from both natural and synthetic matter. Hence, there is a
strong need for quantitative characterization of the structure of fibrous networks to understand the physical basis of their functions and tailor the structure-function relation
for applications. However, many commonly used techniques for determining the structure of fibrous networks, such as light and electron microscopy, require invasive sample
preparation such as fluorescent labeling or drying, potentially disrupting the network in
its natural state. To overcome this challenge, light scattering is commonly used, as it is a
non-invasive, bulk-averaging technique, that provides quantitative structural information encoded in the wavelength dependence of scattered light. Here we use light scattering
to extract the fiber diameter and mass per unit fiber length of fibrin, a fibrous biopolymer
9
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10
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SCATTERING

acting as the mechanical scaffold of a blood clot. To obtain these structural parameters
from the scattering spectra we implement three different light scattering models proposed
in literature, and enhance their accuracy by implementing a correction on the wavelength
dependence of the refractive index and the differential refractive index. We show that this
correction significantly improves the accuracy of the light scattering models. Furthermore,
we test various methods to obtain the fractal dimension of the fibrin network, a parameter
that characterizes the spatial arrangement of fibers and lies at the basis of one of the light
scattering models.

2.1. I NTRODUCTION
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2.1. I NTRODUCTION
N many fields of research, techniques based on the scattering of light are being used
to study molecular weight, size, shape and interactions of small particles and macromolecules [41–43]. The advantages of such methods are that they are non-invasive and
provide an ensemble average. Unlike fluorescence microscopy, light scattering techniques do not require labelling, which can perturb the properties of the particles of interest. And unlike electron microscopy and atomic force microscopy, light scattering can be
performed in situ, while the particles remain dispersed in solvent, which is particularly
relevant for biological samples and hydrogels that tend to be highly hydrated.
There are two alternative methods to determine structural information from the scattered light of a solution of particles. The first method, commonly denoted as static light
scattering, is to determine the scattered intensity at a single wavelength while varying the
angle of detection. The second method, commonly denoted as turbidimetry, is to determine the loss of transmitted light through a solution due to scattering, as a function of
wavelength (the turbidity τ(λ) is defined as the shape of the extinction spectrum) [44].
Although in principle both methods carry the same information [45], the turbidimetry
method can be used to quantify interactions in suspensions subject to multiple scattering over a wide range of particle sizes and concentrations [46, 47] whilst static light
scattering is limited to less opaque samples where light is only scattered a single time.
Using appropriate theoretical models, structural parameters of the particles of interest
can be extracted from the measured extinction spectrum, such as the size, shape and
polydispersity of the scattering objects [48], while the absolute extinction magnitude is
determined by their density, size and difference in refractive index with the surrounding
solvent [49, 50].
Light scattering is particularly useful for fibrous biopolymers such as fibrin, a biopolymer that acts as the mechanical scaffold of a blood clot. Several models have been
proposed that relate the extinction spectrum of fibrous structures such as fibrin gels to
structural parameters [51–53]. The assembly of fibrinogen monomers into the final network is a hierarchical process, where fibrinogen monomers first form double-stranded
protofibrils, which then laterally aggregate to form fibers. This process is strongly influenced by the assembly conditions, where the final protein content per filament crosssection spans two orders of magnitude [54]. Hence, the structural information provided
by light scattering is essential for characterization of the network. However, each model
necessarily relies on certain assumptions, which limit the accuracy of the extracted parameters.
In this Chapter we study the structure of a fibrin network by analysis of the wavelengthdependent extinction of light. We start with the analysis using two existing scattering
models valid for non-interacting fibers [51, 52] based on the Rayleigh-Gans scattering
theory, and increase the accuracy of the extracted parameters by considering a more
advanced model including the fibrin network structure [53]. We improve these models by including a correction factor for wavelength dispersion in the refractive index of
the solvent and the differential refractive index following an approach proposed in Ref.
[55]. Furthermore, in order to implement the fibrin network structure in the scattering
model, we use two independent methods to determine the network fractal dimension.
The techniques developed and implemented in this Chapter provide a useful tool for
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further studies of the structural properties of fibrous networks and suspensions, including natural systems such as fibrin and collagen, and synthetic systems such as carbon
nanotubes [56, 57].

2

2.2. M ATERIALS AND M ETHODS
2.2.1. F IBRIN
Human plasma fibrinogen (Plasminogen, von Willebrand Factor and Fibronectin depleted) and human α-thrombin were obtained in lyophilized form from Enzyme Research Laboratories (Swansea, United Kingdom). All chemicals were obtained from Sigma
Aldrich (Zwijndrecht, The Netherlands). Fibrinogen (lyophilized in 20 mM sodium citrateHCl buffer at pH 7.4) was dissolved in water at 37°C for 15 min to its original concentration (approximately 13 mg/ml) and dialysed against fibrin buffer containing 20 mM
HEPES and 150 mM NaCl at a pH of 7.4 in order to remove citrate, which complexes with
Ca2+ ions that are required for FXIII and thrombin activity. A dialysis membrane with
a Molecular Weight Cut-Off (MWCO) of 10 kD was used. 50 ml of sample was dialysed
against 1 L of buffer, under continuous stirring. After one hour of dialysis at room temperature, the buffer was replaced, and after another hour, the buffer was replaced again.
The third dialysis step was performed at 4°C overnight. After dialysis, the fibrinogen solution was aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. The monomer
concentration was checked by spectrophotometric measurements of the absorbance at
280 and 320 nm using a Nanodrop 2000 spectrophotometer (Thermo Scientific) and using an extinction coefficient of 16.0 mg/(ml cm) [51] at 280 nm. The absence of absorption at 320 nm indicates that no aggregates are present. The final fibrinogen concentration was typically around 10 mg/ml. Prior to use, the fibrinogen was quickly thawed at
37°C, and then diluted and mixed with 500 mM CaCl2 at room temperature to a final assembly buffer containing 20 mM HEPES, 150 mM NaCl and 5 mM CaCl2 (“coarse clots”).
Dense networks (“fine clots”) with an average pore size of 0.08 µm were obtained in fineclot assembly buffer (400 mM NaCl, 3.2 mM CaCl2 and 50 mM Tris-HCl) at a pH of 8.5
[54].
Thrombin (lyophilized in 50 mM sodium citrate and 0.2 M NaCl) was, on ice, reconstituted in water to its original concentration (approximately 10,000 U/ml), and quickly
aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. Assembly was initiated by
the addition and quick mixing of 0.5 U/ml of thrombin from a 20 U/ml thrombin stock,
kept on ice for a maximum of 24 hours. After addition of thrombin, the mixture was
quickly transferred by pipetting to a cuvette to allow in situ polymerization.

2.2.2. T URBIDIMETRY
Turbidimetry measurements were carried out using a Lambda 35 spectrophotometer
(Perkin Elmer, Groningen, The Netherlands). A schematic representation of the setup
is shown in Figure 2.1. Light from a white light source, emitting between λ = 350 nm and
λ = 900 nm, is reflected on a grating with 1053 lines/mm to obtain a monochromatic
beam, which is split by a beamsplitter to a reference sample and the sample itself. The
transmitted light intensities are measured and the extinction of the sample relative to the
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reference is reported to the user. Colloid samples were loaded in disposable plastic cuvettes (Plastibrand, Wertheim, Germany), requiring approximately 550 µl, while quartz
cuvettes from Hellma (Kruibeke, Belgium) with a sample volume of 400 µl were used for
fibrin samples, both having a 10.0 mm optical path length. For fibrin samples with a
high optical density (exceeding approximately 2.5 cm−1 ), we used quartz cuvettes suitable for fluorescence measurements (Hellma, Kruibeke, Belgium), which can be used
either with a 10.0 mm path length or a 2.0 mm path length. Prior to measurements, a
baseline correction was performed by placing a cuvette containing only the assembly
buffer in both the measurement and reference position. Measurements were performed
at room temperature, although when necessary the temperature can be controlled using
a Peltier system. Wavelength scans were taken from 450 nm to 900 nm, unless otherwise
noted. Extinction values were taken at 1 nm intervals at a scanning rate of 480 nm/s,
and a slit width of 2 nm. With this slit width, the beam dimensions are approximately
2 × 7.5 mm (width × height).
To test the sensitivity of the device we performed wavelength scans on a suspension
of 100 nm beads of increasing concentration. As shown in Figure 2.2, we find that the
sensitivity of the device ranges from an optical density of approximately 0.01 to 3.0; below that range too few photons scatter to measure accurately the difference between
the sample and the reference beam, while above that range too few photons are passing
through the sample. For the suspension with the highest bead concentration, the extinction spectrum shows saturation in the blue half of the spectrum due to a too high optical
density at these wavelengths. This problem can be addressed either by a switching to
a cuvette with a shorter path length, or by only using the red part of the spectrum for
analysis.

Halogen lamp

Entry slit
Exit slit

Reference
Detectors

Monochromator

Sample

Figure 2.1: Schematic representation of the spectrophotometer setup. The schematic is based
on the user manual [58]. White light from a halogen lamp is reflected on a monochromator and
split into two pathways. One beam passes through the sample while the other passes through a
reference. Afterwards, the intensity of both beams is measured by two detectors, from which the
attenuation of the sample beam is determined.
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Figure 2.2: An assay to determine the range over which the optical density (OD) can be reliably
measured using our spectrophotometer. The sample is a suspension of polystyrene beads (r =
100 nm) in water, at various weight concentrations. The optical density is expected to increase
with shorter wavelengths (I ∝ λ−4 , see Eq. 2.1), which is indeed observed for the samples with
a bead concentration of 0.002% and 0.01%. Instead, the curves taken at bead concentrations of
0.1% and 0.02% saturate at short wavelengths since too little light reaches the detector. The optical
density of the bead suspension at a concentration of 0.002% is close to the sensitivity limit of the
spectrophotometer.

2.2.3. C ONFOCAL MICROSCOPY
Confocal microscopy was performed on a Nikon Eclipse Ti inverted microscope equipped
with a 100x oil-immersion objective (NA = 1.40). Fibrinogen labeled with Alexa Fluor 488
(Life Technologies, Bleiswijk, The Netherlands) was mixed with unlabeled fibrinogen in
a 1:19 molar ratio. Samples were prepared in glass chambers made of a microscope coverslip and slide with Parafilm spacers. Polymerization occurred at room temperature for
at least 12 hours.

2.3. L IGHT SCATTERING MODELS
In this Chapter, it is important to note the crucial difference between the terms scattering, absorption and extinction. The extinction of a beam of light is the sum of scattered
and absorbed light. Scattering refers to light being deviated from a straight path, with no
energy transfer to the scattering object1 , while absorption refers to photons being taken
up by matter2 . Provided that the specimen of interest does not absorb light in the exper1 Strictly speaking, conservation of momentum dictates that a tiny fraction of the photon energy

must be lost: as the photon changes direction, the object it scattered on must also gain some
momentum, and thereby energy, such that the total momentum is conserved. However, due to
the huge mass of scattering objects compared to the photon energy, this contribution can be
easily neglected.
2 Absorption followed by re-emission (fluorescence) is fundamentally different from scattering: the
former creates an excited energy state in the fluorophore, while the latter only interacts with matter through an exchange in momentum.
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imental wavelength range, scattering can be determined directly from the extinction of
light from a difference in light transmission compared to a reference sample (extinction).
This is the case for the samples we study here.
In the remainder of this Section, we will first shortly review the basics of light scattering, and continue with several models that predict structural parameters of a suspension
of particles based on the shape of the extinction spectrum. In particular, we consider
three models designed to provide structural information of suspensions of rods, which
are an approximation of our fibrin network [51–53]. Finally, we consider several methods to obtain the network fractal dimension D m , a number that characterizes network
structure and serves as an input parameter in one of the models [53, 59].
That light can be scattered by particles can be verified every instance when one observes that the sky is blue [60], rather than the complete blackness one would expect to
see when not directly looking into the sun. The explanation why we do not stare into
the darkness of outer space comes from the fact that particles scatter light, including the
molecules that we find in air, mainly nitrogen and oxygen. That the sky is blue rather
than a copy of the solar spectrum is a consequence of a wavelength dependence of scattering from the small particles that make up the atmosphere. This wavelength dependence is described by Rayleigh’s law [61] and can be understood on ground of a simple
dimensional analysis (Chapter 3 in [43]). Energy conservation requires that the scattering intensity I scales with r −2 , where r is the distance from the observer to the scattering
particle; and with the square of the dipole field (scaling with the volume V of the particle), introducing a V 2 term. Any refractive indices or numerical constants involved in
the scattering process are dimensionless, indicating that, in order to match units, there
must a l eng t h −4 -term. Next to the distance to the source and the particle volume, the
third relevant parameter with units of length is the wavelength of the scattered light: we
expect a λ−4 -term that depends on the wavelength λ of the scattered light, such that the
scattered intensity I is of the form
I = I 0 f (n 1 , n 2 )(V 2 /r 2 λ4 )

(2.1)

where I 0 is the incident radiation and f (n 1 , n 2 ) is some unitless function that contains
all numerical constants and depends on the refractive indices of the medium of propagation n 1 and of the scattering particle itself n 2 . Finally, the λ−4 -term indicates that
light with shorter wavelengths scatters more strongly than long wavelengths, hence the
explanation that the sky (except the celestial area that spans the sun; being a source of
non-scattered light) appears blue (during day, given non-cloudy conditions).
Rayleigh scattering theory holds under the assumption that the particle radius r is
small compared to λ. The range of validity in terms of particle size is improved by the
Rayleigh-Gans-Debye approximation [42] as long as the ratio of the refractive index of
the scattering object and its environment, nns , is close to unity, and λr | nns − 1| ¿ 1. However, as shown in Ref. [62], for particles large compared to the wavelength of light the
validity is uncertain. Solutions of the scattering problem for particles of arbitrary shape
and size exist, and can be found in e.g. Refs. [41, 43]. Named after Gustav Mie, this is
commonly coined Mie scattering and predicts to high accuracy the scattering spectra of
colloidal particles (e.g. Ref. [63, 64]). A downside of Mie theory is that it requires the scattering object to have certain symmetries in its shape and composition, which are found

2
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in spherical particles or rods of infinite length. Nevertheless, in practice, the theory can
be applied to many filamentous systems including biopolymers, which tend to have a
high length to width (aspect) ratio.
When the particle density is raised to a level where the particles are interacting, the
wavelength dependence of the scattered light intensity becomes sensitive not only to
the individual scattering particles, but also to the higher-order structure formed by these
particles. Hence, in the analysis of light scattering spectra, scattering models characterize the sample with two factors [53, 65]: the form factor describing the internal structure
of the scattering object (denoted by P (q)), and the structure factor, taking into account
the effect of the collective structure (denoted by S(q)). In a dilute system of scattering
particles that are non-correlated, S = 1, while S < 1 at higher densities [66]. Here q is the
wavevector, that is proportional to the scattering angle θ and inversely proportional to
λ:
4πn sin(θ)
(2.2)
q=
λ

2.3.1. M IE SCATTERING ON SPHERICAL AND ROD - SHAPED PARTICLES
In order to demonstrate the accuracy of Mie scattering theory, and also to illustrate
some concerns that should be considered during light scattering experiments, we calculate angle-resolved radiation patterns and extinction cross-sections in a home-written
Python script based on Mie scattering theory for the radiation patterns of spherical particles [41], assuming the suspension is sufficiently dilute such that the structure factor
S = 1. We verified that the extinction cross-section vanishes in the following limits: the
particle radius r → 0, the relative refractive index between the solvent and the scattering
particle nns = 1, and λ À r . We confirmed that the shape of the scattering curves agrees
with textbook results [42].
We experimentally validate the accuracy of Mie scattering by applying the theory
to an experimental measurement of the optical density of a suspension of spherical
particles. In Figure 2.3 we show the turbidity of a dilute suspension (volume fraction
φ = 10−5 ) of latex beads (n = 1.6, diameter of 300 nm, Polysciences, Hirschberg an der
Bergstrasse, Germany) in water (n = 1.33) over a wavelength range from λ = 350 nm to
λ = 900 nm with 1 nm scanning intervals, together with a fit to Mie scattering theory.
For comparison, we also show the fits to Rayleigh and Rayleigh-Debye scattering models. The only free fitting parameter in the models is the radius of the beads; fitting the
data to the model gives an optimum at d = 298.0 nm for Mie, d = 200.2 nm for Rayleigh,
and d = 194.6 nm for Rayleigh-Debye scattering theory. The close agreement of the Mie
scattering result with the diameter specified by the manufacturer illustrates the strength
of Mie scattering theory, even when the particle dimension is comparable to the wavelength of the scattered light.
We now use Mie scattering to calculate the radiation patterns of individual particles.
Figure 2.4a shows the radiation pattern for a spherical particle with a radius of 50 nm,
illuminated by light with λ = 500 nm and a relative refractive index of 1.6/1.33 = 1.203,
where 1.6 and 1.33 are the refractive indices of polystyrene and water, respectively. The
extinction cross-section of the particle is 0.0064× the geometrical cross-section. In Figure 2.4b the scattering pattern is shown for a particle with r = 500 nm in otherwise sim-
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Figure 2.3: Fitting of Mie, Rayleigh and Rayleigh-Debye scattering models to an experimental measurement of the optical density of a 0.001%-suspension in water of spherical particles of 300 µm
diameter. The graph shows the experimental data (black), and fits using Mie scattering (red) and
Rayleigh and Rayleigh-Debye scattering (blue). As the latter two scattering models have the same
wavelength dependence (y(λ) ∝ λ−4 ), their functional form is identical; the difference lies in the
parameter extraction. In all models, the only free parameter in the fits is the particle diameter. The
obtained particle radii are 149.0 nm, 100.1 nm and 97.3 nm, respectively.

ilar conditions, where the scattering efficiency (the ratio of the scattering cross-section
to the geometrical cross-section) is 2.573 . Apart from an increase in scattering amplitude, the directionality of the scattered light is more in the forward direction than for the
smaller particle. This demonstrates two experimental challenges: for large particles, a
relatively large part of the scattered light propagates in the same direction as the nonscattered light beam. The cross-section of the incident beam and the pinhole in front
of the detector should therefore be as small as possible to reduce the effect of scattered
light still reaching the detector. Secondly, in a polydisperse system with a range of particle sizes, the scattering from particles with a larger radius will have a disproportionally
high contribution.
Using Mie scattering theory, we demonstrate a final experimental point of concern
in the analysis of scattering experiments on rod-like particles. In Figure 2.5 we show the
scattering cross-section, calculated for an infinitely long cylinder with a 100 nm radius
and n = 1.6 in a solvent with n s = 1.33, as a function of the angle θ of the cylinder orientation with respect to the incident light. For θ = 0 the scattering cross-section vanishes,
increasing to a maximum value for θ ≈ 7° and converging to an intermediate value for
higher values of θ. In the calculation of the radiation pattern for an ensemble of cylinders, the scattering cross-section is averaged over the entire range of θ. This is done under the implicit assumption that rods are isotropically oriented. If there is an alignment
of rods, it needs to be taken into account that the preferential rod orientation affects the
magnitude of light scattering [69, 70].
3 Although seemingly counter-intuitive, the extinction cross-section can be larger than the geo-

metrical cross-section ([67, 68]); a phenomenon that is for example used in the design of solar
cells, to optimize light capturing efficiency.
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Figure 2.4: Scattering patterns (intensity versus scattering angle, where 0° is the forward direction) calculated using Mie theory for a spherical particle, for both polarizations (S1 and S2) of the
incoming light. The radiation pattern is symmetric around the horizontal axis. The wavelength of
the incident light λ = 500 nm, and the particle has a relative refractive index n/n s of 1.203. (a) A
sphere with r = 50 nm, and (b) a sphere with r = 500 nm. With increasing particle diameter both
the shape and the intensity of the scattering pattern change.

θ

Figure 2.5: Light scattering (λ = 500 nm) on an infinitely long cylinder with radius 100 nm. The
calculated extinction cross-section Q ext for the particle is plotted as a function of the angle of
incidence θ. The inset shows a schematic of a (finite) cylinder, with the orientation θ of the cylinder
axis with respect to the incident light (grey arrow).
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2.3.2. L IGHT SCATTERING MODELS FOR FIBROUS NETWORKS
Several studies have proposed light scattering models valid for solutions of fibers or networks of fibers [51, 52, 71–73]. These models assume an isotropic ensemble of rods,
which have a uniform mass density and an aspect ratio À 1. Moreover, the fiber refractive index n is assumed to differ little from the surrounding medium with n s , such that
1 − nns multiplied by the rods’ radius r is small (¿ 1). This is a simplification with respect
to the Mie scattering discussed above, in the sense that here the difference in optical
path length is assumed to be small for light travelling outside versus within the scattering medium. Furthermore, the fibers are assumed to be non-interacting such that the
structure factor S = 1. The form factor P (q) ≈ 1 in the Rayleigh limit where the scattering
particle is much smaller than the wavelength of the incident light, while P (q) becomes
q-dependent (i.e., smaller than 1) for increasing q-values or increasing particle size.
In order to describe light scattering experiments on fibrin gels, we start with the implementation of the Carr-Hermans-derived form factor [51]:
1
15 nA
23
c
=
(1 + π2 n s2 (2a)2 λ−2 )
τλ3 µ 88π3 n(d n/d c)2
77

(2.3)

where τ is the measured turbidity in units of cm−1 , obtained by multiplying the extinction coefficient by ln(10), nA is Avogadro’s constant, d n/d c is the differential refractive
index, c is the protein concentration, n s is the solvent index of refraction, and the fitting
parameters are fiber mass-per-length µ and radius a. This formula states that there is a
linear relation between τλc 3 and λ−2 .
A later paper re-evaluating the Carr-Hermans approach [52] commented that the
Taylor expansion used to obtain Eq. 2.3 is invalid, and proposed the following equation
(where an erroneous prefactor was corrected in Ref. [74]):
τλ5 = 2π3C n s µ(

d n 2 44 2 2 184 2 2 2
)
(λ −
π a ns )
d c 15
3 154

(2.4)

According to this model, there is a linear relation between τλ5 and λ2 , where the slope
of this curve relates to the mass-per-length ratio and the intercept to the fiber radius.
Interestingly, later work [53] claims that Eq. 2.4 is inaccurate, and Eq. 2.3 is more robust.
Fibrous networks generally have a fractal structure due to branching and cross-linking
of the fibers [75–77]. It is therefore more accurate to account for a contribution of the
structure of the network to the total scattering intensity by including the structure factor
S(q) [59]:
R(q) = K ∗ c F ∗ M ∗ S(q) ∗ A(q) ∗ P (q)
(2.5)
where R(q) is the scattered intensity distribution,
R maxsuch that R(q) integrated over the solid
angle d Ω gives the scattered intensity I scat = 0
R(q) sin(θ)d θd φ. K is an optical constant, K = 4π2 n 2 ( ddnc )2 N 1λ4 , and M the blob molecular weight, M ≈ nA ρπξD m a 3−D M , ρ
A
the fiber mass density, ξ the blob size (Figure 2.6 and Refs. [59, 65]), and D m the 3D
network mass fractal dimension. The rationale for the addition of the fractal dimension
in the structure factor is to take into account that networks have a fractal structure. In
the case of isolated fibers, where D m = 1 and ξ is the length of the fiber segment, M reduces to the mass of a straight cylinder. The structure factor S(q) describes the spatial

2
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correlations among blobs:
S(q) = 1 − β exp(−

2

q 2 ξ2
)
4πη2

(2.6)

where β is a parameter describing the amplitude of spatial correlations between the
blobs, and η the level of overlap between the blobs, where β ≈ 1, η ≈ 1 [53]. A(q) is
the blob form factor, describing the internal structure of the blob:
A(q) =

1
qξ
(1 + ( δ(D m ) )2 )D m /2

−

(2a/ξ)D m
(1 + (q ∗ d /δ(D m ))2 )D m /2

+(

2a D m
)
ξ

(2.7)

where δ is a function that adopts a sigmoid shape between δ(D m = 1) ≈ π and δ(D m =
2) ≈ 2.76:
tanh(D m − 1.44)/0.1 + 1 0.5
δ(D m ) = π − 0.38 ∗ (
)
(2.8)
2
P (q) is finally the form factor of the cylindrical rod-shaped segments:
P (q) = (

2 ∗ J 1 (q ∗ a) 2 2 ∗ Si (q ∗ 2a) sin(q ∗ a) 2
) ∗(
−
)
q ∗a
q ∗ 2a
q ∗a

(2.9)

where J 1 (x) is the first order Bessel function and Si (x) the sine integral. Note that the
form of P (q) slightly differs from the formula given in [53], the latter containing an error
that is corrected in [78]. To obtain the turbidity τ, we integrate R(q) over a solid angle
d Ω:
Z 2π Z π
1 + cos(θ)2
τ=
R(q(θ))
dΩ
(2.10)
2
0
0
We then replace q(θ) by sin(θ/2), and using that cos(θ) = 1−2 sin(θ/2), we can substitute:
1 + cos(θ)2 1 − (1 − 2x 2 )2
=
= 1 − 2x 2 + 2x 4
(2.11)
2
2
R 2π
Furthermore, the azimuthal integration 0 d φ = 2π and the integration limits of the θintegral change from 0, π to 0, 1.
To determine ξ, we make the approximation that the blob size is equal to the pore
size. To determine the pore size of our fibrin networks, consisting of bundles of protofibrils of a priori unknown thickness, we multiply the mass-per-length ratio µ of a single
protofibril by the number of protofibrils per fiber N p , and divide by the protein concentration c. This ratio is essentially the area in the network that is belonging to a single
fiber. We take the square root to obtain ξ (in units of length):
s
ξ=

µ Np
c

(2.12)

We use this value of ξ as input in Eq. 2.5 - 2.9 to obtain a new value of N p , and iterate
until N p and ξ remain constant. A similar form of self-similarity is also applied in [53],
where the fractal dimension is iteratively determined in a polymerizing fibrin network.
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Figure 2.6: Schematic representation of the blob size ξ, inspired by Ref. [59]. The blob size ξ is the
size of a region where fibers are correlated.

Finally, we take into account the wavelength dispersion in the values of n and
using Cauchy’s empirical relations:
n(λ) = A 1 +

A2
+ O (λ4 )
λ2

dn
B2
(λ) = B 1 + 2 + O (λ4 )
dc
λ

dn
dc

by

(2.13)

(2.14)

where we use the values for A 1 , A 2 , B 1 and B 2 as shown in Table 2.1, obtained from earlier
experiments [51, 53, 55].
Name
A1
A2
B1
B2

value
1.3270
3.0595 × 10−3
0.1846
2.550 × 10−3

unit
µm 2
cm 3 /g
cm 3 µm 2 /g

Table 2.1: Values for Cauchy’s wavelength dispersion for a fibrin gel in an aqueous solution, obtained from Ref. [53].

2.3.3. F RACTAL DIMENSION
The (mass) fractal dimension, used in the light scattering model described above, is a
dimensionless number that quantifies the fractality, the degree to which a structure repeats itself on smaller or larger length scales. A straight line has a fractal dimension
D m = 1, while D m increases for systems with a more fractal structure, to a maximum of
D m = 2 and D m = 3 for a two- and three-dimensional system, respectively.
One way to experimentally determine D m is through a combination of static and dynamic light scattering [53, 79]. However, as the setup required for this kind of analysis is
not commonplace in most labs, and requires samples to have a low optical density to ensure that no multiple scattering occurs, we will instead determine D m through analysis
of images obtained by fluorescence microscopy. There are multiple methods to determine the fractal dimension from images [80–82], two of which we discuss here. The first
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method involves computing the power spectral density by Fourier transforming the images [59, 83, 84], while the second method involves a box counting method [83, 85, 86].
As detailed in Appendix 2.A, we found that the box counting method generates artefacts.
In the remainder of this Chapter, we therefore use the power spectral density method.
To get an intuition for the behaviour of D m for random fibrous networks in both 2D
and 3D, we benchmark the image analysis methods by applying them on in silico generated networks. The in silico networks are the networks generated and analysed in Ref.
[59], which were generated by randomly picking points in a 3D-volume. Every point was
then connected to its two nearest neighbours, and also to the third nearest neighbour if
the sum of the two largest angles between the three newly created filaments exceeded
240°. This procedure was repeated for every nodal point, regardless of the number of filaments already connected to the neighbouring nodal points. The density of the network
was varied by increasing or decreasing the number of generated points. In this way, a
network is generated with a minimum connectivity of z = 3, yet an average connectivity
z > 3. The topology of the networks generated in this way was shown to closely resemble
that of actual fibrin networks [59].
To make a comparison between the PSD analysis in two and three dimensions, we
extract a 2D slice from the 3D in silico network. To this end, we took the maximum
projection of slices with a thickness of 1 µm, resembling the actual thickness of a single
confocal slice, which is set by the diffraction limit [87]. Two examples of 2D slices from
networks of different densities, together with a 3D stack, are shown in Figure 2.7.
The power spectral density P (q x , q y ) of two-dimensional computational or experimental fiber images with an intensity distribution I (x, y) is given by
Z
P (q x , q y ) =

|I (x, y)e −2πi (q x x+q y y) |2 d x d y

(2.15)

where q x and q y are the spatial frequencies in x and y, respectively. In words, this is
the square of a two-dimensional Fourier transform, with the absolute value to obtain a
real value of P (q x , q y ). Radial integration then gives the power spectral density P (q x , q y ).
This is easily extended to three dimensions:
Z
P (q x , q y , q z ) =

|I (x, y, z)e −2πi (q x x+q y y+q z z) |2 d x d y d z

(2.16)

The slope of the power spectrum provides the network fractal dimension [88]:
I (q) ∝ q −D m

(2.17)

When we perform a power spectrum analysis, we obtain, after radial integration, an
intensity as a function of q. We use a fitting routine where we first take the logarithm
of the radially integrated intensity, to prevent that the large intensities (at low q-values)
contribute disproportionally to the fit. For our in silico generated networks, we use a
fitting regime between q = 0.53 pixel−1 and q = 2.09 pixel−1 , corresponding to spatial
lengths between 3 and 12 pixels. The lower limit of this regime was chosen to avoid
single-pixel artefacts, while the upper limit was chosen to stay below the average fiber
length.
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An example of the power spectral density with a fit of the fractal regime is shown in
Figure 2.8a, together with the fractal dimensions obtained for a series of networks with
varying fiber density in Figure 2.8b. We find that D m increases with increasing network
density. We furthermore find that D m is almost the same when calculated from the PSD
of 2D slices or from the PSD of the 3D stack. This finding is in contrast to a reported
empirical relation D M ,3D = D m,2D + 0.9 obtained from confocal image stacks of collagen
networks [89, 90].
In Figure 2.9 we show a single slice and a 3D-view from a confocal fluorescence stack
of a 1 mg/ml fibrin network. The radially integrated power spectral density is shown in
panel a and b for 2D and 3D, respectively. In the radially integrated curves we can identify
several features on different length scales [91]. The largest q values, corresponding to the
smallest spatial features, contain limited information, as the pixel size (64 nm) is smaller
540
= 193 nm [87]). On the other
than the diffraction limit in the imaging plane ( 2Nλ A = 2∗1.4
side, q is limited by the size of the image, 127 µm. In between these limits, we can obtain
the fractal dimension of the network from the slope of the curve using Eq. 2.17. Here
we chose a fractal region with a q-range between 0.6 µm (three times the diffraction
limit) and 10 µm. From the slope of the power spectral density we find D m = 1.51 and
D m = 1.54 for two and three dimensions, respectively. Again, we find that analysis of 2D
projections or 3D stacks results in the same value of D m .

a

b

Figure 2.7: (a) Examples of 50×50×1 µm slices of the in silico networks [59], at the highest (left) and
lowest (right) network concentration, with a network mass of M = 2.7 × 10−3 and M = 1.1 ∗ 10−3 ,
respectively. The mass is the fraction of the pixels containing a filament (with a width of 1 pixel) in
the 3D in silico network (see also Figure 2.8b). (b) The corresponding 3D view of 5×5×5 µm cubic
sections.
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Figure 2.8: (a) The intensity I of the power spectral density (PSD) as a function of q for a 2D and
3D in silico network (encircled in panel b). The fractal regime (between 3 and 12 pixels) has been
fitted (red line), the fractal dimension is obtained from the slope. The PSD of the 2D slice is more
noisy since the input image is smaller than the 3D stack. To overcome this, the average D m is taken
of multiple slices from the same stack. For clarity, the curves have been shifted along the y-axis.
(b) The fractal dimension D m as a function of network mass M (the fraction of all pixels containing
a filament) of the in silico networks, obtained from the PSD in three and two dimensions, resulting
in a nearly identical D m .

Figure 2.9: Power spectrum analysis of a confocal fluorescence image stack of a 1 mg/ml fibrin
network, taken 20 µm above the microscopy coverslip. (a) The radially integrated power spectral
density of a 2D slice (black curve), with a power law fitted to the fractal region, between 0.60 µm
and 9.3 µm (red line). The slope of the fitted power law is -1.51. The inset shows a single slice
from the 3D stack shown in (b). The scale bar is 10 µm. (b) The radially integrated power spectral
density of a 3D stack (black curve), with a power law fitted to the fractal region, between 0.59 µm
and 10.8 µm (red line). The slope of the fitted power law is -1.54. The separation in z between slices
(1 µm) shows up as spikes in the 3D-power spectrum. The inset shows a 3D view of a 1 mg/ml fibrin
network, with dimensions 20 × 20 × 10 µm.

2.4. R ESULTS AND DISCUSSION

25

2.4. R ESULTS AND DISCUSSION
To test the performance of the light scattering models described in Section 2.3.2, we performed turbidimetry measurements on fibrin gels prepared at three different concentrations, 1, 2 and 4 mg/ml. We perform fits to all the models (the dilute colloidal rod model
(Carr-Hermans) [51], the dilute colloidal rod model (Yeromonahos et al.) [52], and the
fractal network model (Ferri et al.) [53]), both with and without a correction for wavelength dispersion. We perform the fits over a wavelength range between λ = 450 nm and
λ = 900 nm. In Figure 2.10 we show the raw data and the fits for the 1 mg/ml fibrin gel for
the three different models, including a correction for wavelength dispersion. As Eq. 2.3
and Eq. 2.4 predict a linear relation between τλc 3 and λ−2 , and τλ5 and λ2 , respectively,
we changed the axes in Figure 2.10a and b to reflect this. We show the best-fit values for
the fiber radius and the number of protofibril per cross-section for the different scattering models and experimental conditions in Table 2.2.
Since the fractal dimension significantly deviates from unity (Table 2.2), we cannot
assume that S = 1, and therefore the dilute colloidal rod model (Carr-Hermans) and the
dilute colloidal rod model (Yeromonahos et al.) should be used very cautiously. This is
reflected by the observation that the fractal network model (Ferri et al.) describes the
experimental data over the entire wavelength regime, while panel a and b in Figure 2.10
show that the linear relations for the rescaled turbidity data predicted by the two models assuming S = 1 are not entirely attained. In that light, it is perhaps surprising that
especially the values for the number of protofibrils per fiber, and to a lesser extent also
the fiber radius, show little variation between the different scattering models. The differences between the dilute colloidal rod model (Carr-Hermans) and the dilute colloidal
rod model (Yeromonahos et al.) are less than 5%, which could be expected since the
difference between those models is just a Taylor expansion. The correction for the wavelength dispersion on the values of n and d n/d c is substantial in all three cases: the difference is on average 24% in the fiber radius and 3% in the mass-per-length ratio.
The absolute values of the difference between the data and the fitted functions are
shown in Supplementary Figure 2.3. Overall, the fractal network model (Ferri et al.) with
a correction for wavelength dispersion has the lowest residual, indicating that the experimental data is best described by this model.
A drawback of the fractal network model (Ferri et al.) is that the fitting routine is more
complex than for the dilute colloidal rod models (Carr-Hermans and Yeromonahos et
al.). When fibrin is polymerized in the presence of a high salt concentration and at a high
pH (400 mM NaCl and a pH of 8.5 versus 150 mM NaCl and a pH of 7.4 for our regular
fibrin buffer, see Section 2.2.1), the fibers that comprise the network are only several
protofibrils thick [54]. We observed that for these gels, the fit of the fractal network model
did not converge, as illustrated in Figure 2.11. Here we show the residual square values
of the turbidity data of a coarse and fine fibrin gel minus the Ferri light scattering model
(Eq. 2.5 - 2.9) with a correction for wavelength dispersion, for a range of fiber radii and
mass density. This is essentially an energy landscape, where a minimum indicates that
the optimal values for the fit are found. In panel a, for a coarse clot fibrin gel, there
is a clear minimum for a particular set of parameters. In panel b, for a fine clot fibrin
gel, there is not a single minimum, but rather a band of low residuals. This graphically
illustrates why in the fitting routine an optimum combination of parameters was not
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found.
A further complication for fine clot fibrin is that the fractal dimension cannot be determined from confocal microscopy images, as the pore size is smaller than the diffraction limit (inset in Figure 2.11b). Hence, for fine fibrin gels, we suggest that alternative
methods are used to determine structural properties of single fibers, such as atomic force
microscopy (AFM) [92–94] or mass mapping using scanning transmission electron microscopy (STEM) [95]. Furthermore, these techniques can also serve as an independent
benchmark for the light scattering analysis.
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Figure 2.10: Fitting of turbidimetry data of a 1 mg/ml fibrin gel using (a) the dilute colloidal rod
model (Carr-Hermans) (Eq. 2.3), (b) the dilute colloidal rod model (Yeromonahos et al.) (Eq. 2.4),
and (c) fractal network model (Ferri et al.) (Eqs. 2.5 - 2.9), all including a correction for wavelength
dispersion. In (a) and (b) the axes are changed to illustrate the supposed linear relation between
c
−2 (Eq. 2.3), and τλ5 and λ2 (Eq. 2.4), respectively.
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r (nm)
66.2
81.5
69.3
77.6
55.2
80.2
1
2.10
1.5 ± 0.1

Method
colloidal rod model (Carr-Hermans)
+ wavelength dispersion
colloidal rod model (Yeromonahos et al.)
+ wavelength dispersion
fractal network model (Ferri et al.)
+ wavelength dispersion
Fibrin concentration (mg/ml)
Pore size (µm)
Fractal dimension D m

Np
190
193
186
183
166
174

r (nm)
76.0
91.5
79.9
85.9
68.0
97.6
2
1.62
1.5 ± 0.1

Np
182
187
181
177
192
210

r (nm)
75.6
90.9
76.5
83.3
78.8
109.4
4
1.35
1.5 ± 0.1

Np
200
205
194
191
261
288

Table 2.2: Best-fit values for the fiber radius r (nm) and the number of protofibrils N p per fiber,
obtained from fitting turbidity data of a 1, 2 and 4 mg/ml fibrin gel to the dilute colloidal rod
model (Carr-Hermans) [51], the dilute colloidal rod model (Yeromonahos et al.) [52] and the fractal
network model (Ferri et al.) [53], both with and without a correction for wavelength dispersion.
The pore size is iteratively determined using N p and Eq. 2.12, D m is obtained from PSD analysis
on 2D fluorescence microscopy slices. Data shown is for N = 1 experiment.

a

b

Figure 2.11: Residual squares from the scattering data, subtracted from a fit using the fractal network model (Ferri et al.) with a correction for wavelength dispersion, for (a) a fibrin gel polymerized under coarse clot conditions, and (b) a fibrin gel polymerized under fine clot conditions. In
(a) a single minimum is detected (encircled in white), while in (b) a broader band of low mean
residual squares is found. The insets show a 2D slice from a confocal fluorescence image stack.
The scale bar is 10 µm. The fixed parameters in the model were a fractal dimension of D m = 1.5,
and ξ = 2.1 µm and ξ = 0.1 µm for the coarse and fine clot, respectively.
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2.5. C ONCLUSION
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In many fields of science, light scattering is a quantitative, non-invasive technique used
in the determination of structural parameters of colloidal particles, including rigid biopolymers. For fibrin, a biopolymer that acts as the mechanical scaffold of blood clots, reliable determination of the filament diameter is an important tool for quantitative modeling of the networks [16], to understand the mechanism of self-assembly of monomeric
building blocks into mature fibers [65, 96–101], but also to identify regulatory factors
[20, 94, 102, 103] and disease-related abnormalities [92, 104, 105].
In this Chapter, three different models to quantitatively obtain information from
light scattering data have been implemented [51–53]. We have shown that the network
fractal dimension D m is larger than unity, and therefore that the structure factor S < 1,
where S = 1 corresponds to the dilute limit. Furthermore, we showed that the wavelength dispersion of light should not be neglected over the wavelength regime that spans
our measurements (450 to 900 nm). When the equations describing the turbidity of our
samples are complemented with a term correcting for wavelength dispersion, we find
that the fiber radius is systematically increased by an average of 24%.
Considering the dilute rod models, we find that the predicted linear relations in Refs. [51,
52] are not fully observed in our experimental data. We indeed only satisfy one of three
criteria for applying these models, as mentioned in Ref. [52]: a dilute system such that
the structure factor S = 1 (with D m > 1, we have S < 1), a small fiber diameter compared
to the wavelength of the scattered light (with fiber radii ∼ 80 nm, the fiber diameter is
of the same order as the wavelength of the scattered light), and a small difference between the refractive index of the fiber and solvent (which is indeed the case). We find
that the fractal network model (Ferri et al.) with a correction for wavelength dispersion
best describes the experimental data.
Note that all three models assume that the particle diameter is much smaller than the
wavelength of the scattered light ( λr · (n s − n) ¿ 1) (the Rayleigh-Debye criterium). For
fibrin fibers, this is criterium is satisfied by only a small margin. A future improvement
would be to use Mie scattering theory as the basis of light scattering models, since this
holds for cylinders of arbitrary radius.
Furthermore, all scattering models discussed in this Chapter assume that filaments
themselves are homogeneous in cross-section. However, it has been shown that fibrin
fibers have a dense core and a more open periphery [96, 106, 107]. We propose that
an improved scattering model includes non-homogeneity in the fiber cross-section. We
note a final caveat in the analysis of turbidity data. The fact that light scattering is a
technique that averages over a (relatively) large volume of of the studied material has
the obvious disadvantage that information on single scattering objects is lost. Ref. [108]
demonstrates a problem with the assumption of homogeneity in fiber radii, using an
example of a fibrin network model with a bi-disperse size distribution where the thick
fibers are ten-fold thicker than the thin fibers. The thin fibers contribute negligibly to
the scattering spectrum, although their effect on other network parameters, such as the
permeability to liquid, are significant.
I gratefully thank Fabio Ferri (Università dell’Insubria, Italy) and Mattia Rocco
(IRCCS AOU San Martino-IST, Italy) for discussions on the fractal dimension, for their
help with analysing the data with their light scattering model and providing the 3D

2.5. C ONCLUSION

29

in silico networks. I also thank Francois Caton (University Joseph Fourier, France),
Nicholas Kurniawan (Technical University Eindhoven) and Federica Burla (AMOLF)
for discussions on methods to analyse light scattering measurements on fibrin, and
Mathijs Vermeulen (Technical University Eindhoven) for discussions on Mikado networks. Finally, I thank the AMOLF workshop for their help in adapting the quartz cuvettes to fit our spectrophotometer.
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A PPENDIX
2.A. F RACTAL DIMENSION : M IKADO NETWORKS AND BOX COUNTING
There are multiple methods to determine D m through analysis of images obtained by
fluorescence microscopy. Here we use the box counting method, which we apply to two
different kinds of in silico generated networks.

M IKADO NETWORKS
In Section 2.3.3 we introduced in silico networks generated by connecting randomly
placed nodal points [59]. Another type of in silico-generated networks are Mikado networks [109–111]: 2D networks of randomly placed rigid filaments (“Mikado”). We generated the Mikado networks in an area with size 1, with number density N and a segment
length L that is defined in terms of the area size. Every segment is furthermore characterized by a random x and y-coordinate of one of its end points, and a random orientation θ.
Periodic boundary conditions are implemented such that every fiber leaving the box on
the right will re-enter on the left, and similarly for top-bottom. Unlike Mikado networks
used in mechanical simulations of fibrous materials (e.g. [27]), in our simple implementation there is no detection of crossing points, or removal of dangling ends: filament
segments that are situated between the filament end and the last crossing point, that do
not contribute to the mechanical properties of the simulated network. Four examples
of Mikado networks are shown in Supplementary Figure 2.1, where N = {100, 500} and
L = {0.1, 0.3}.

B OX COUNTING
A method to determine the fractal dimension from images is the box counting method
[83, 85, 86]. The principle is to detect any self-similarity in a structure by counting the
number of boxes with a certain size ² required to cover the structure. This is repeated for
boxes with decreasing ², to obtain a relation between the number of boxes as a function
of the box size. When this is plotted on a double-logarithmical scale, D m can be extracted
from the slope.
To determine the fractal dimension, we use the ImageJ plugin FracLac. We set the
minimum box size to 5 pixels, to avoid single-pixel artefacts. The maximum box size
is 50% of the system size, larger than any of the filaments we consider. The box size
increases linearly between the minimum and maximum box sizes in 100 steps. Every
image is analysed with 25 different initial positions, to avoid any bias from the initial
position.
In Supplementary Figure 2.2a we show the apparent fractal dimension for the Mikado
networks obtained from box counting. There is initially a strong growth of the fractal di31
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mension with increasing mass (the sum of all pixels containing a filament normalized to
the total surface area), starting from 1.0 and saturating at approximately 1.8. We observe
that the network mass is sufficient to describe the apparent fractal behaviour of Mikado
networks, as different combinations of number density and length with the same mass
result in the same fractal dimension. Moreover, when we generate Mikado networks
with filament lengths normally distributed around a mean value with a standard deviation σ = 0.05 and σ = 0.2 (setting filaments with a negative length to L = 0), we find that,
irrespective of the width of the distribution, the same relation between mass and fractal
dimension holds as for Mikado networks consisting of filaments with a uniform length.
However, using the PSD-analysis, we find that all Mikado networks have a D m of
around 1, independent of network mass. Hence, they are not truly fractal, which could be
expected since the fibers are placed randomly and there is no branching. When we apply the box counting method on the networks generated by connecting randomly placed
nodal points, using the same parameters as for the Mikado networks, we also find a substantial deviation between the apparent fractal dimension obtained by box counting and
the PSD result (Supplementary Figure 2.2b).
Hence, from the PSD-analysis we learn that, although the Mikado networks have
overlapping filaments that are detected by the box counting analysis as an apparent fractal structure, they are not truly fractal. Hence, we choose the networks generated by connecting randomly placed nodal points as benchmark for the fractal dimension analysis
opposed to the Mikado networks as the former is a fractal structure while the latter is not;
and the PSD as analysis tool opposed to the box counting method as the latter generates
artefacts.
N = 100

N = 500

L = 0.3

L = 0.1

Supplementary Figure 2.1: Examples of Mikado networks, with N = 100 and N = 500 filaments,
and filament length L = 0.1 and L = 0.3.
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Supplementary Figure 2.2: Fractal dimension D m as a function of network density for both the
Mikado networks and the networks generated by connecting randomly placed nodal points, obtained through box counting (b.c.) and the power spectral density (PSD). (a) D m as a function
of mass (the normalized intensity of all pixels containing a filament) of a Mikado network. We
observe that different combinations of number density and length with the same mass produce
approximately the same fractal dimension. Moreover, we find that Mikado networks generated
with filament lengths normally distributed (σ = 0.05 and σ = 0.2) around a mean value of L = 0.2,
follow the same relation between mass and fractal dimension. The fractal dimension obtained
from the power spectral density (PSD) shows qualitatively different behaviour, retaining a slope of
approximately 1, independent of the network density. (b) D m as a function of network mass for
the networks generated by connecting randomly placed nodal points. The PSD analysis consistently show a trend of increasing D m with increasing network density. The PSD analysis results in
a nearly identical D m , regardless whether the analysis was performed in two or three dimensions.
However, the values obtained by box counting differ substantially from those obtained by the PSD
analysis.
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2.B. R ESIDUALS OF TURBIDIMETRY FITTING
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In Figure 2.10 we fitted the turbidity spectra to Eq. 2.3, Eq. 2.4, and Eqs. 2.5 - 2.9. In
Supplementary Figure 2.3 we show the absolute value of the difference between the fit
and the experimental data, normalized by the scattering intensity at each wavelength.
In Table 2.3 we show the root mean square values of the residuals in Supplementary
Figure 2.3. Overall, the fractal network model (Ferri et al.) with a correction for wavelength dispersion has the lowest residual, indicating that the experimental data is best
described by this model.
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Supplementary Figure 2.3: Residual values when best fit is subtracted from the scattering data
(1 mg/ml fibrin gel) for the fractal network model (Ferri et al.) [53], the dilute colloidal rod model
(Yeromonahos et al.) [52] and the dilute colloidal rod model (Carr-Hermans) [51], both without
and with a correction for wavelength dispersion (“w.d.”). Absolute values of the differences were
taken and normalized by the turbidity at the corresponding wavelength. The dips in the curves
indicate the crossing of the fitted curves with the experimental data.

Method
colloidal rod model (Carr-Hermans)
+ wavelength dispersion
colloidal rod model (Yeromonahos et al.)
+ wavelength dispersion
fractal network model (Ferri et al.)
+ wavelength dispersion

RMS (×10−3 )
4.3
3.0
16.5
21.1
4.1
2.0

Table 2.3: Root-mean-square values of the fits shown in Supplementary Figure 2.3.

3
E LASTICITY AND HYDRAULIC
PERMEABILITY GOVERN NORMAL
FORCE IN FIBRIN NETWORKS
Positive! Negative!
Always that minus sign
Bio or manmade, what
makes them contrast?
Now please consider the
permeability!
Liquid won’t flow when one
measures too fast.

Fibrin, the principal protein responsible for the mechanical integrity of blood clots, is a
member of a broad class of materials called “hydrogels”. As their name suggests, hydrogels are composed mainly of water, while only a small fraction of the hydrogel mass comprises the polymer network that is responsible for the gel’s solid-like behaviour. In previous
mechanical studies on fibrin hydrogels, only the influence of the protein network on the
mechanical response to external stresses was considered, while the role of the solvent was
ignored. In this Chapter, we present data on the poroelastic behaviour of fibrin hydrogels,
probed by measuring the normal (axial) force that the gels develop when sheared or compressed between the parallel plates of a shear rheometer. Under compressive deformation,
we observe an instantaneous network response, accompanied by a slow, dynamic response
of the normal force due to solvent flow, consistent with expectations for fluid-filled elastic
networks. Interestingly, we also observe effects of fluid flow in response to shear, despite
35
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the volume-conserving nature of shear deformations. We show that the fibrin hydrogels
exhibit a time-dependent normal stress response to an applied shear that is positive at
short times, but decreases to negative values with a characteristic time scale set by pore
size, which we associate with solvent relaxation. We use a new two-fluid model to interpret the response in terms of a combination of network elasticity and fluid permeation.
We find that the model correctly predicts a transient behaviour of the normal stress, which
is in excellent agreement with the full time-dependent normal stress we measure. Our results highlight the important role of poroelastic effects in tissue and extracellular matrix
mechanics. Our findings suggest a new route to tailor the sign and magnitude of the normal stresses for polymer materials by tuning the pore size, solvent viscosity, and nonlinear
shear elasticity.

3.1. I NTRODUCTION
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3.1. I NTRODUCTION
IVEN that water is the main component of the human body (around 70%, depending
on sex, age and body mass1 ), it is of little surprise that it is also the main component
of most tissues. A mechanical description of tissues and its components should therefore
include not only solid components, but also the liquid phase. To describe the mechanical behaviour of biphasic materials composed of an elastic, solid phase permeated by
a liquid phase, the theory of poroelasticity was developed [113–115]. In short, this theory constructs a stress field in a poroelastic material, whose physical origin is twofold:
stresses originating from an elastic skeleton, and hydrostatic stresses. Elastic and hydrostatic stresses are thus tightly coupled: when a deformation is applied, stresses are
induced in the elastic material, and, by equilibrium conditions on the stress field, also in
the fluid, inducing liquid flow through the porous material.
The theory of poroelasticity has important applications in the description of living
systems. One example is the flow of interstitial fluid through (mineralized) bone tissue
[116–119]. Interstitial fluid plays a role in the distribution of nutrients and disposal of
waste products, and acts as a medium for mechanotransduction and cellular excitation
[120]. It also plays an important mechanical role, as it has been shown that interstitial
fluid pressure supports over 90% of the total applied stress during confined compression
of cartilage [121–123].
Also in wound repair, where a provisional matrix of fibrin fibers seals off the wound
site, water is a major constituent [124]. Nevertheless, at rest the mechanical properties of
fibrin gel are dominated by the protein network: the storage modulus G 0 , associated with
elastic, reversible deformation, is typically one to two orders of magnitude larger than
the loss modulus G 00 , associated with inelastic flow [125]. In addition, the loss modulus
associated with the fibrin network strongly dominates over the loss modulus associated
with the solvent.
However, under mechanical deformation, the role of the solvent can no longer be
neglected. Upon compression or extension, the volume of the fibrin network changes
[31, 126], which, due to the incompressibility of water, induces a flow of liquid through
the fibrin network. In turn, this introduces a time-dependency to the force exerted in
the direction of compression or extension. Yet also during shear deformation, which is
inherently volume-conserving, a normal stress (orthogonal to the applied shear stress)
is measured [127].
Although this seems counter-intuitive, materials can shrink (shear contraction) or
expand (shear dilatancy) when subjected to a shear stress, as shown by Poynting more
than a century ago [128]. Similar behaviour has since been observed in more complex
viscoelastic systems, such as granular materials, rubbers and polymer glasses [129, 130].
The tendency of such (synthetic) materials to dilate can be measured as a positive (outward) normal stress or pressure that develops when the material is sheared between two
plates with a fixed gap (Figure 3.1a). In case of polymer materials, shear dilatancy is usually described by the classical Mooney-Rivlin model [131, 132], which predicts a normal
stress difference N1 ∼ Gγ2 , where γ is the shear strain and G the network shear modu-

G

1 However, there is much controversy around the claim that, to keep a right fluid balance, one

should drink at least 8 glasses of water a day. An extensive review debunks the urban myth [112].
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lus. Unlike the normal stress response to compressive deformations, the normal stress
response in shear is fundamentally nonlinear, since its sign cannot reverse when the direction of shear strain γ is reversed. Thus, to lowest order, normal stress is expected
to increase as γ2 , even while the shear stress remains linear in γ. An example of this
behaviour is illustrated in Figure 3.1a, showing the normal stress of polyacrylamide hydrogels.
Surprisingly, biopolymer networks have been reported to exhibit the opposite response compared to classical polymer materials in normal stress: they contract when
sheared [127, 133–136]. This contractile behaviour is illustrated in Figure 3.1b, which
shows that fibrin gels develop a negative normal stress under shear. The magnitude of
the normal stress increases quadratically with strain, but it reaches values comparable to
the shear modulus at significantly lower shear strain (γ ' 0.1) than for classic polymeric
materials (γ ' 1). This threshold coincides with the onset strain γ0 of nonlinear stiffening in the shear stress (Chapter 4). Specifically, semiflexible polymer theories predict
[127, 135] that
¯
¯
¯ σzz ¯ γ
¯
¯
(3.1)
¯σ ¯ ∼ γ
xz
0
where this ratio saturates to a value of order 1 for γ & γ0 .
Hence, there is a striking difference in the mechanical response of synthetic and
biopolymer hydrogels. Yet also structurally there is a profound difference between synthetic and biopolymer hydrogels: while synthetic gels have a pore size of order 10 nanometers [137], fibrin networks have pore sizes that can be in the micrometer range [138–140].
In this Chapter, we measure the response of fibrin hydrogels to shear and compressive deformation, and, using a two-fluid model, describe it in terms of network elasticity
and fluid permeation. We first introduce Darcy’s law, where a solvent flows through an
unperturbed network, driven by gravity. We then report measurements, using a rheometer, where we study fibrin gels by subjecting them to either shear or compression deformations, while observing the time-dependent normal force exerted by the gels. We
find a typical time scale of relaxation, dictated by both the network structure and the
macroscopic dimensions of the network. We summarize a recently developed theoretical framework that considers the elastic contribution of the gel and the viscous contribution of the solvent. We experimentally test this framework by varying the pore size
of the fibrin gel, the time scale of deformation and the distance over which the solvent
flows. We see a transition from a regime of strong viscous coupling between the network
and the solvent, suppressing motion of the solvent relative to the network and effectively
rendering the gel as a whole incompressible, to a regime where the solvent and network
are decoupled. This occurs on a time scale that is well described by the two-fluid model,
demonstrating that fluid permeability plays an important role in the mechanical properties of fibrin, both under shear and compression.
This study demonstrates how fibrin gels, along with other fibrous biological materials, are a prime example of the advantage that porous materials offer: high mechanical
integrity, while retaining the capability for transport not found in uniform, solid materials. Our results demonstrate the importance of the solvent in the mechanical stability of
tissues under applied stress or deformation.
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Figure 3.1: Normal stress difference N1 = 2F2 , where F is the normal force (thrust) reported by
πR
the rheometer and R is the sample radius, as a function of the amplitude of the applied oscillatory
shear strain γ for (a) Polyacrylamide (PAAm) gels prepared with various ratios of monomer-tocross-linker concentrations. The line indicates a quadratic dependence of N1 ∼ γ2 , as expected
from the Mooney-Rivlin model [131, 132]. In (b) 2F2 is shown for fibrin gels polymerized at 22°C
πR

at various fibrinogen concentrations (in mg/ml). The line indicates a γ2 dependence, but with
negative sign. PAAm is a synthetic gel with a pore size of around 10 nm [137], while fibrin is a
biopolymer gel with a pore size in the micrometer range (Chapter 2).
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3.2. M ODELING THE NORMAL FORCE UNDER SHEAR AND COM PRESSION

3.2.1. S HEAR DEFORMATION

3

When a viscoelastic gel is sheared in a cone and plate rheometer, tension tends to build
up along the streamlines, giving rise to tensile circumferential (hoop) stress σ̃. Given the
curved nature of these streamlines, this stress leads to inward-directed radial forces on
the network. By symmetry, hoop stress and, more generally, diagonal elastic contributions to the stress tensor must be even in the applied strain, since they are independent
of the direction of rotation of the rheometer. Thus, to lowest order, a quadratic dependence on shear strain γ is expected. We define this force (per unit volume) to be
fr = −

1
σ̃
' − ÃGγ2
r
r

(3.2)

where G is the shear modulus, and the coefficient Ã > 0 is dimensionless.
To quantitatively model the effects of network poroelasticity in the shear rheology of
polymer networks, we start from the two-fluid model [141–144] that describes a polymer
gel as a biphasic system comprised of a linear elastic network immersed in a viscous
and
liquid. The two components are coupled by a force per unit volume,
¡ incompressible
¢
Γ ~
u˙ − ~
v , acting on the liquid and opposite to the force on the network. The equation for
the net force per unit volume acting on the fluid in the non-inertial limit is
¡
¢
0 = η∇2~
v −~
∇P − Γ ~
v −~
u˙

(3.3)

where η is the solvent viscosity and P is the pressure. The corresponding equation for
the net force on the network is
¢
¡
u˙
v −~
u + (G + λ)~
∇ · (~
∇·~
u) + Γ ~
0 = G∇2 ~

(3.4)

where the shear modulus G and Lamé coefficient λ are assumed to be of the same order.
The dissipative force arises from the relative motion of the solvent, which moves with
velocity ~
v , and the network, which moves with velocity ~
u˙ . For a network with pore size
2
ξ and a fluid with viscosity η, Γ ∼ η/ξ , since the Stokes drag force on a network strand
of size ∼ ξ moving with relative velocity ∼ v is ∼ ηξ∆v and this acts on a volume ∼ ξ3 .
Given the small polymer volume fraction φ of most hydrogels and biopolymer networks
(φ ∼ 10−3 for fibrin gels), the radial velocity component of the incompressible fluid effectively vanishes and the only radial motion is due to the network. This radial motion,
u̇ r , generates a radial pressure gradient in the solvent given by:
∇r P = Γu̇ r = −σ̃/r − (K /r 2 )u r

(3.5)

for a cone-plate geometry. The net force on the network has two distinct elastic contributions. The first contribution comes from the hoop stress σ̃, which tends to drive the
network radially inward (Figure 3.2): hoop stresses generated by shearing tend to drive
radial contraction of the network and expulsion of the solvent, much as a twisted sponge
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expels water by contracting radially. In this case, the radial component of the force per
unit volume acting on the network is of the form
0=−

1
K
u r − σ̃ − Γu̇ r
2
r
r

(3.6)

which combines with Eqs. 3.2 and 3.3 to give
∇r P = Γu̇ r = −

1
K
u r − ÃGγ2
r2
r

(3.7)

where the strain γ is independent of r for a cone-plate geometry. Again, by symmetry,
σ̃ ∼ γ2 to lowest order, as noted above, although Eq. 3.5 is linear in u r . The second contribution to the net force on the network comes from a restoring force that balances the
radial contraction on long time scales (i.e., as u̇ r → 0). This restoring force originates
from the gradient in the elastic shear stress ∼ G∇z u r that results from the axial (z) variation of u. For a cone-plate rheometer with small gap size d and small cone angle α, the
restoring force ∼ G/d 2 u r . Thus, since d = tan(α)r , K ' π2G/ tan(α)2 in Eq. 3.5. We thus
predict a characteristic relaxation time
τ∼

ηd 2
Gξ2

(3.8)

The two-fluid model allows us to perform an even more rigorous test of the mechanism governing the normal stress response of polymer gels, since we can calculate the
time-dependence of the normal stress and compare it to experiments. For symmetry
reasons, the normal-stress components σxx and σzz are expected to have a leading γ2
dependence on strain. Since the shear stress σxz ' Gγ, we define σxx ≡ A x Gγ2 and σzz ≡
A z Gγ2 . For an oscillatory strain γ(t ) = γ0 sin(ωt ), the steady state solution of the timedependent Eq. 3.5 is:
(app)

N1
where

= −2A z Gγ(t )2 + ÃGγ20 (A cos(2ωt ) + B sin(2ωt ))

·
¸
¡
¡
p ¢
p ¢
1
−1
−1
A =−
2 tan 1 + 2 ωτ + 2 tan 1 − 2 ωτ − π + 4ωτ
8ωτ

and
B=

¡
¢
1
log 1 + 4ω2 τ2
8ωτ

(3.9)

(3.10)

(3.11)

with Ã = A x − A z and τ = ΓR 2 /K ∼ ηd 2 /Gξ2 . In the limit where ωτ À 1, Eq. 3.9 reduces to
the well-known Mooney-Rivlin expression for incompressible materials, N1 = Gγ2 [131,
132]. Shearing will thus increase the pressure toward the axis of the rheometer, which
results in a positive contribution to the normal force. Dense hydrogels will therefore
effectively behave as incompressible materials for which the normal force F is related
to the normal stress difference σxx − σzz by N1 = 2F /πR 2 , where R is the sample radius
[145]. In the opposite limit of networks with a large pore size where ωτ ¿ 1, Eq. 3.9
(app)
instead reduces to N1
= −2A z Gγ2 as the pressure difference can relax by water efflux
and in steady state the two terms on the right hand side of Eq. 3.5 cancel.
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Based on prior measurements on a range of biopolymer gels in the limit of ωτ ¿ 1
[14, 127, 133] as well as models of fibrous networks [14, 135, 146, 147], we anticipate
A z ∼ 1/γc , where γc is the onset strain for nonlinear elasticity, which is typically ∼ 1/10.
(app)
Thus, in the limit of low frequencies, not only is N1
negative, but its magnitude can
actually be much larger than σx y γ.

x

z

3
ū

ū

F

Figure 3.2: Schematic representation of the two-fluid model. A network is positioned between
the top cone and bottom plate of a rheometer. Upon rotation of the cone, the network (black) is
sheared and shows an inward, radial contraction relative to the solvent (blue).

I NCOMPRESSIBLE LIMIT
First, we consider the case of an incompressible medium, corresponding to the limit of
strong coupling Γ → ∞ and u r → 0. Here, the network effectively inherits the incompressibility of the solvent and
1
∇r P = − σ̃
(3.12)
r
This pressure gradient will lead to a positive normal stress (thrust) contribution measured by the rheometer. Eq. 3.12 can be integrated to give
P (R) − P (r ) = −σ̃ log

µ ¶
R
r

(3.13)

where P (R) is the pressure at the sample boundary, i.e., atmospheric pressure P 0 . The
excess pressure,
∆P = P (r ) − P 0
(3.14)
can be integrated to give a positive (upward) contribution to the thrust F
R

Z
0

2πr ∆P d r = 2πσ̃

R

Z

r log
0

µ ¶
πR 2
R
dr =
σ̃
r
2

(3.15)

Adding this to the direct contribution
− πR 2 σzz

(3.16)

from σzz , we find that the normal stress, as reported by a cone-plate rheometer
σN ≡

2F
πR 2

(3.17)
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is given by
σN = N1 = σxx − σzz ' (A x − A z )Gγ2

(3.18)

σ̃ = σxx + σzz ' ÃGγ2

(3.19)

implying that
where Ã = (A x + A z ). In Eq. 3.18 we have assumed not only incompressibility of the
medium, but also the standard relationship between the thrust F and the first normal
stress difference N1 ≡ σxx − σzz [145], valid for incompressible materials and a coneplate rheometer. We have used this assumption to identify σ̃ in Eq. 3.12. Although this relationship between F and N1 is a standard result for the cone-plate geometry, it is worth
noting that this can change, depending on the shape of the sample/air interface, or with
finite surface tension [145]. In the next section, we also show how this relationship can be
violated for compressible networks, such as hydrogels. Nevertheless, because this relationship is so standard in rheology, with rheometers usually reporting the thrust F as N1 ,
we will use Eq. 3.17 to express the normal stress in the following sections. Importantly,
however, for multi-component systems such as hydrogels, this should be considered an
effective or apparent N1 , i.e., as reported by a rheometer, which may or may not be equal
to the actual stress difference N1 = σxx − σzz .
As noted, the various normal stress components are expected to have leading γ2 behaviour, while the shear modulus σxz ' Gγ in the linear (shear) elastic regime. Thus, we
define
σxx ≡ A x Gγ2 and σzz ≡ A z Gγ2
(3.20)
For semiflexible gels, we expect A z ∼ γ10 , based on the prior low-frequency model
[127, 133], where γ0 represents the onset strain for nonlinear elasticity, which is typically
of order 10% for biopolymer networks (see Chapter 4). Since σxx usually is of order but
larger than σzz , we also expect that A z ∼ γ10 . Moreover, as defined, both stress components are strictly positive (tensile) and we expect that A x > A z , for N1 > 0 in the incompressible limit [148]. These expectations, however, are based on the assumption of affine
deformation, which is often not valid for stiff polymer gels [15, 147]. However, in Chapter
4 we show that fibrin gels do deform affinely under shear strains up to ≈ 100% .
C OMPRESSIBLE LIMIT
In the limit of long times t À τ in Eq. 3.8 and low frequencies ωτ ¿ 1, u̇ r → 0 in Eq. 3.7.
Here, ∆P vanishes and the measured apparent N1 is that of Refs. [127, 133]
2F
= σN = −2σzz = −2A z Gγ2
πR 2

(3.21)

For intermediate times/frequencies, we solve Eq. 3.7 for u r (t ), with γ(t ) = γ̃ sin(ωt ). The
net elastic force per volume on a network element must be balanced by its drag through
the solvent, which sets up a pressure gradient in the solvent. Importantly, in spite of the
nonlinear dependence on strain, Eq. 3.21 remains a linear equation in u r , albeit inhomogeneous. The long-time, intermediate frequency steady state (ss) solution to this is
given by
¡
¢
ÃG 0 γ̃2 r −K 2 cos(2t ω) + K 2 − 2ΓK r 2 ω sin(2t ω) + 4Γ2 r 4 ω2
(ss)
¢
¡
u r (t ) = −
(3.22)
2 K 3 + 4Γ2 K r 4 ω2
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Using this and ∇r P = Γu̇ r we find
·
µ
2 ¸¶
¢
¡ 2
ÃG 0 γ̃2
−1 2Γr ω
2 4 2
(ss)
A cos(2t ω) log K + 4Γ r ω − 2 sin(2t ω) tan
+ g (t )
P (r ) =
8
K
(3.23)
where g (t ) is a constant of integration with respect to r , although a function of t , which
is determined by P (R) = P 0 as above. After a further integration of ∆P = P (r ) − P 0 , as in
Eq. 3.15, and combining with Eq. 3.16, we find the steady-state

3

σ(ss)
= −2A z G γ̃2 sin2 (ωt ) + ÃG γ̃2 (A cos(2ωt ) + B sin(2ωt ))
N

(3.24)

where A and B are defined in Eq. 3.10-3.11, respectively. Both of these dimensionless
coefficients vanish in the low frequency or fully compressible limit, leaving only the first
(axial stress) term on the right hand side of Eq. 3.24.
T RANSIENT BEHAVIOUR
In addition to the steady-state solution for u r (t ), there is also a transient contribution
u r(tr) (t ), which can be found by choosing a homogeneous solution of Eq. 3.7 such that
u r (t ) = u (ss) (t ) + u (tr) (t ) = 0 at t = 0:
u (tr) (t ) =

ÃG 0 γ̃2 r
− K t
³
´ e Γr 2
K2
2K 1 + 4Γ2 r 4 ω2

(3.25)
2

This transient is most relevant to the case where its characteristic relaxation time τ ∼ ΓR
K
is large compared to the period of oscillation ∼ ω1 . Thus, we neglect the second term in
the denominator of Eq. 3.25 to find
u (tr) (t ) '

ÃG 0 γ̃2 r − K2 t
e Γr ,
2K

(3.26)

from which we determine
∇r P (tr) = Γu̇ r ' −

ÃG 0 γ̃2 − K2 t
e Γr
2r

(3.27)

and the transient contribution to σN
µ
µ
¶
¶
t
t
t
1
ÃG 0 γ̃2 Ei − + e − τ
2
τ
τ
·
µ ¶0.78 ¸
1
t
' ÃG 0 γ̃2 exp −1.91
2
τ

σ(tr)
'
N

(3.28)
ηd 2

where Ei (x) is the exponential integral function. As can be seen either from τ ∼ Gξ2 ,
which depends on the gap d , or from the time dependence of Eq. 3.27, there is no single relaxation time. Thus, σ(tr)
can be well approximated by a stretched exponential reN
sponse. The final approximation in Eq. 3.28 is valid to within less than 2% until the transient has decayed to less than 2% of its initial value.
The general expression for σN is given by the sum of Eqs. 3.24 and 3.28. For an incompressible system, Eq. 3.18 is recovered for u r (t ) = u (ss) (t ) + u (tr) (t ) as τ → ∞. In the
limit of low frequency and long times, the steady-state solution reduces to the fully compressible limit of Eq. 3.21.
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3.2.2. U NIAXIAL COMPRESSION
When a fibrin gel is subjected to an unconfined compression, we expect an efflux of solvent due to the incompressibility of water, together with a normal force response in the
direction of compression. The efflux of solvents in biphasic materials, with an elastic,
solid phase and a Newtonian liquid phase, can be described by the theory of poroelasticity [113, 115]. Since the storage modulus of a fibrin gel is typically two orders of
magnitude larger than its loss modulus, and the solvent is water with dissolved salts, we
assume that we can use this theory to describe the behaviour of fibrin networks under
compression. In particular, this theory predicts that the normal force exerted by the liquid phase decays exponentially as fluid flows out of the network [115]:
F n (t ) = Ae −(t −t0 )/τ + B

(3.29)

where A is the amplitude of the decay and B an offset (a residual normal force exerted by
the elastic network), t 0 is the start of relaxation (and is therefore not a fitting parameter)
and τ is the typical relaxation time, which scales with the square of the length of the flow
path.

3.3. M ATERIALS AND M ETHODS
3.3.1. M ATERIALS
Human plasma fibrinogen (Plasminogen, von Willebrand Factor and Fibronectin depleted) and human α-thrombin were obtained in lyophilized form from Enzyme Research Laboratories (Swansea, United Kingdom). All chemicals were obtained from Sigma
Aldrich (Zwijndrecht, The Netherlands). Fibrinogen (lyophilized in 20 mM sodium citrateHCl buffer at pH 7.4) was dissolved in water at 37°C for 15 min to its original concentration (approximately 13 mg/ml) and dialysed against fibrin buffer containing 20 mM
HEPES and 150 mM NaCl at a pH of 7.4 in order to remove citrate, which complexes with
Ca2+ ions that are required for FXIII and thrombin activity. A dialysis membrane with
a Molecular Weight Cut-Off (MWCO) of 10 kD was used. 50 ml of sample was dialysed
against 1 L of buffer, under continuous stirring. After one hour of dialysis at room temperature, the buffer was replaced, and after another hour, the buffer was replaced again.
The third dialysis step was performed at 4°C overnight. After dialysis, the fibrinogen solution was aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. The monomer
concentration was checked by spectrophotometric measurements of the absorbance at
280 and 320 nm using a Nanodrop 2000 spectrophotometer (Thermo Scientific) and using an extinction coefficient of 16.0 mg/(ml cm) [51] at 280 nm. The absence of absorption at 320 nm indicates that no aggregates are present. The final fibrinogen concentration was typically around 10 mg/ml. Prior to use, the fibrinogen was quickly thawed at
37°C, and then diluted and mixed with 500 mM CaCl2 at room temperature to a final assembly buffer containing 20 mM HEPES, 150 mM NaCl and 5 mM CaCl2 (“coarse clots”).
Dense networks (“fine clots”) with an average pore size of 0.08 µm were obtained in fineclot assembly buffer (400 mM NaCl, 3.2 mM CaCl2 and 50 mM Tris-HCl) at a pH of 8.5
[54].
Thrombin (lyophilized in 50 mM sodium citrate and 0.2 M NaCl) was, on ice, reconstituted in water to its original concentration (approximately 10,000 U/ml), and quickly
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aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. Assembly was initiated by
the addition and quick mixing of 0.5 U/ml of thrombin from a 20 U/ml thrombin stock,
kept on ice for a maximum of 24 hours. After addition of thrombin, the mixture was
quickly transferred to a serological pipette or rheometer (Section 3.3.2) to allow in situ
polymerization.

3.3.2. M ETHODS

3

R HEOLOGY
For the normal force experiments under shear stress, fibrinogen stock solution was directly diluted to 8 mg/ml in assembly buffer, without dialysis. Fibrin gels were allowed to
polymerize in situ for at least 12 hours (22°C and 27°C samples) or 4 hours (37°C samples)
between the prewarmed cone and plate geometry. During fibrin polymerization, solvent evaporation was prevented by adding a layer of mineral oil (Sigma Aldrich, M3516)
to cover the liquid-air interface. Polyacrylamide gels were polymerized by preparing a
mixture of polyacrylamide and N,N’-methylenebis(acrylamide)(Bis) followed by dilution
to the desired final concentration. Polymerization was initiated by adding ammonium
persulfate (0.5 µg/ml) and tetramethylethylenediamine (1 µL/ml) and gels were allowed
to polymerize in situ between the rheometer plates at 20°C. During polymerization, we
measured the linear elastic shear modulus G 0 of the fibrin and polyacrylamide gels by
measuring the stress response to a small oscillatory shear strain with an amplitude of
0.1% and frequency of 1 Hz.
The normal stress response to an applied shear was obtained by applying LargeAmplitude Oscillatory Shear (LAOS) at a range of frequencies (0.001 Hz to 7 Hz) at a shear
stress amplitude of 800 Pa using an Anton Paar rheometer (Physics MCR 302, Graz, Austria). We used a 40 mm, 2° stainless steel cone-plate geometry for all fibrin data reported
in Section 3.4.1 and a 50 mm, 2° stainless steel cone-plate geometry for polyacrylamide
data, and a series of stainless steel cone-plate and plate-plate geometries in additional
experiments reported in Figure 3.13. We measured the time-resolved strain and normal
stress response using a Tektronix DPO 3014 oscilloscope coupled to the analogue outputs of the rheometer. The characteristic normal-stress relaxation time was obtained by
applying a constant shear stress (400 Pa for the 22°C and the 27°C gels, 550 Pa for the
37 °C gel, 500 Pa for the fine clot gel and a strain of 150% for PAAm). The relaxation
data for PAAm were smoothed using a Savitzky-Golay filter. The PAAm-stress relaxation
experiment was initiated one day after the polymerization to ensure the stability of the
base line of the normal force. For the nonlinear rheology data reported in Figure 3.11 we
used a Kinexus Pro+ rheometer (Malvern Instruments, Malvern, United Kingdom) with
a 40 mm, 1° stainless steel cone-plate geometry.
To measure the poroelastic behaviour of fibrin gels under uniaxial compression, we
use a Anton Paar rheometer (Physica MCR 501, Graz, Austria) to compress a disc-shaped
fibrin network, confined between two impermeable surfaces: a stainless steel bottom
plate and a steel top plate, separated by an initial gap of 1 mm. We used a steel, 20 mm
or 40 mm plate-plate geometry for all fibrin data reported in Section 3.4.4.
One important assumption in the biphasic models is homogeneity in both the liquid
and solid phase. However, the pore size of the porous material changes during compres-
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sion. There are reports of inhomogeneities in compressed fibrin gels where a fraction of
the gel collapses with increasing compressive strain [149–152], a phenomenon that was
shown to be rate-dependent [153, 154]. To avoid these complications, we chose to apply
small compressive strains (5% - 10%), using low strain rates (0.1%/s).
In the analysis of the time-dependent normal force, we assumed that water is incompressible at the pressures we can apply (the force transducer in the rheometer can apply
normal forces up to 50 N), such that any change in the position of the upper plate has
to induce a flow of solvent. To verify that during compression experiments, indeed only
liquid is expelled while the network remains intact, we collected the expelled liquid and
confirmed by spectrophotometric measurements of the absorbance at 280 and 320 nm
that no protein was present in the expelled buffer (which simultaneously confirms that
all fibrinogen polymerizes into fibrin).
P ORE SIZE ANALYSIS
To characterize the pore size of the fibrin gels, we performed light scattering measurements using a spectrophotometer (Lambda35 UV/VIS Perkin Elmer, Waltham, MA, USA).
Gels were polymerized in quartz cuvettes and absorbance spectra were taken over a
wavelength range from 450 to 900 nm. The mass-length ratio of the fibers was obtained
by fitting the spectra to a scattering model that assumes a dilute, random
pnetwork of
rigid cylindrical fibers [16, 52] (see Chapter 2). The average mesh size ξ ∼ 1/ρ can be
µ
estimated from the fiber length density ρ = c p , where µ is the fiber mass-length ratio and

c p the fibrinogen concentration. In Chapter 2, we have shown that the value for µ using
this light scattering model is accurate within approximately 20%.
To validate the light scattering measurements, we also performed image analysis
of confocal fluorescence microscopy images of fibrin networks doped with 5 mole%
AlexaFluor 488-conjugated fibrinogen (Life Technologies, Eugene, Oregon, USA). Images
were obtained on a Nikon Eclipse TI confocal system with a 100x oil immersion objective (NA=1.40). Image analysis was performed with open-source software introduced in
[155, 156], where the radius of the largest circle is obtained (the largest “bubble”) that
fits within an area enclosed by filaments. Analysis was done on 2 independently polymerized samples. A FFT bandpass filter was applied to each confocal plane, filtering out
features smaller than 2 pixels and larger than 30 pixels. As fibers were typically 5 pixels in diameter (the actual radius is smaller, though the diffraction limit does not allow
to optically resolve the fiber radius), this filtering step preserves their structure. Various
thresholding techniques were tested: the built-in Matlab thresholding function (im2bw),
Kapur’s thresholding method (also known as the Maximum Entropy method) [157] and
Otsu’s thresholding method [158]. An overview of images with the FFT filter and thresholding applied is shown in Figure 3.3. The pore sizes obtained using analysis of turbidity spectra and image analysis are shown in Table 3.1. Although absolute values differ,
the ratios between the mesh sizes measured for networks polymerized at 22°C and 27°C
show a consistent picture where the pore size of the fibrin network decreases by a factor
of approximately 1.2 upon an increase in the polymerization temperature. A histogram
of the resulting pore size distributions is shown in Figure 3.4.
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Bandpass filter

Bandpass filter,
Matlab bw

3
Bandpass filter,
Max entropy bw

Bandpass filter,
Otsu bw

Figure 3.3: Various thresholding methods (Matlab’s default thresholding function, Kapur’s or Maximum Entropy method [157], Otsu’s method [158]) applied on the same confocal plane of an
8 mg/ml fibrin gel polymerized at 22°C, treated with a FFT bandpass filter. Images are 40 by 40
µm.
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Figure 3.4: Pore size distribution resulting from bubble analysis (Ref. [155]), applied on images
that are thresholded using various methods (Figure 3.3).
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22°C, pore size (µm)
0.66 (0.00)
0.68 (0.01)
1.19 (0.10)
0.36 (0.01)

27°C, pore size (µm)
0.54 (0.03)
0.60 (0.03)
0.92 (0.12)
0.29 (0.01)

Ratio
1.21
1.12
1.29
1.24

Table 3.1: Pore sizes of 8 mg/ml fibrin gels polymerized at 22°C and 27°C, obtained using bubble
analysis of confocal images with various thresholding methods, and by turbidimetry. The number
between brackets is the standard deviation between measurements.

L IQUID PERMEATION THROUGH UNPERTURBED FIBRIN NETWORKS
To determine the hydraulic permeability κ of fibrin gels, we use a method based on the
standardized assay introduced in [139]. A 500 µl fibrin gel was polymerized in a cylindrical capillary, obtained by sawing off the ends of a plastic serological pipette. The fibrin
gel has a height of approximately 1.5 cm, while the pipette is >10 cm. The inside of the
pipette was roughened using a conical file, and washed using de-mineralized water to
remove dust particles. During polymerization, the bottom of the pipette was sealed off
using a rubber cap, while the top was sealed off using parafilm to avoid evaporation. The
pipette was kept vertical to avoid a tilted meniscus at the top of the fibrin gel, and kept
either at room temperature or in an oven set to the desired polymerization temperature.
After the network was formed, the parafilm at the top and the rubber cap at the bottom
of the pipette were removed and 2 ml of fibrin assembly buffer was gently pipetted on
top of the gel and allowed to flow through. We illuminated the setup with a strip of LEDlights, with a diffuse sheet of plastic for homogeneous illumination. The setup, including
capillaries, is shown in Figure 3.5a. We recorded time-lapse images of the capillaries with
the gel and liquid at regular intervals using a Hamamatsu C4742-95 camera.
In Figure 3.5b, a picture of the pipette containing the fibrin gel and assembly buffer is
shown. Using the image analysis software Fiji [159], an intensity profile along the length
of the pipette is obtained for every frame. Plotting these profiles next to each other results in a kymograph; an example is shown in Figure 3.6a for a 2 mg/ml fibrin gel of
non-dialyzed fibrinogen. We further analyse the meniscus data using a home-written
Python script. Although we can already use the kymograph data to obtain the meniscus
height as a function of time (the black line in Figure 3.6c), we can improve the accuracy
by taking the first derivative of the intensity profile to position (Figure 3.6b), to obtain
the grey line in Figure 3.6c. The advantage of using the first derivative rather than the
raw data is the lower sensitivity to noise in the derivative, reducing the duration that
the analysis script is stuck in a local minimum (or maximum) and thereby making the
meniscus-height-versus-time curve more smooth.
Furthermore, depending on the exact position of the meniscus with respect to the
camera and illumination, we track either the minimum or the maximum over time. Finally, as we now have the meniscus height in pixels as a function of time, we can convert
this to a height in meters by multiplying the height in pixels with the length per millilitre2 and dividing by the number of pixels per millilitre (the latter is obtained from Figure
2 Note that multiplication with length per millilitre is equivalent to dividing by the cross-section of
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3.5b).
The only difference between our method and the standard assay introduced in Ref.
[139], is that the latter approach maintains a liquid column of on top of the gel, and
rather than image analysis, the weight of the fluid flowing out of the network is measured
with a balance. The advantage of a constant fluid level is the constant driving term,
although technically it is more challenging to maintain. We believe our method of image
analysis rather than using a balance is more accurate for gels, in particular those with
a small permeability: drops fall (and add weight on the balance) in discrete numbers,
which is less accurate in describing a dynamic event than a continuous decrease in a
fluid level in the pipette. Furthermore, droplets still hanging on the bottom end of the
pipette can partly evaporate before their mass is large enough to break off. We verified
that evaporation at the top of the pipette plays no measurable role by leaving a pipette
with a sealed bottom, filled with water: after 24 hours no decrease in water level was
observed.
To obtain κ, we use Darcy’s law [160]:
Q=

∆P κ A
Lη

(3.30)

where Q is the volumetric rate of liquid flow through the network in units of [m 3 /s],
∆P [kg /(m s 2 )] the pressure difference between the top and the bottom of the network
caused by the column of liquid on top of the gel, A [m 2 ] the cross-sectional area of the
gel, L [m] the length of the gel in the vertical direction and η [kg /(m s)] the viscosity of
the buffer (0.001 Pa s). Furthermore, we use that
Q=

∆h A
∆t

(3.31)

and
∆P = ρ g h(t )

(3.32)

where ρ is the mass density of the liquid, g the gravitational constant, ∆h is the change
in water height in a time interval ∆t , and h(t ) the current height of the water column on
top of the gel. We then calculate the hydraulic permeability using known constants and
experimentally accessible parameters
κ=

∆h L η
∆t ρ g h(t )

(3.33)

where κ is in units of m 2 . For every time point, we obtain a permeability value. We
then average all values to obtain a single permeability value for an individual sample.
Permeability values obtained were 6.7 ∗ 10−15 m2 for 8 mg/ml gels polymerized at 22°C
and 6.2∗10−15 m2 for 27°C. Although permeability values for fibrin gels polymerized under these experimental conditions have not been reported earlier, previous experiments
gave permeability values of comparable order of magnitude, with an expected tendency
to lower permeability values for gels containing a higher fibrin concentration [139, 161–
163].
the pipette; however, as the cross-section already falls out of the Equation 3.33, we can altogether
avoid using it in this way and thereby reduce the error introduced by input parameters.
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Figure 3.5: The setup for permeability measurements. (a) An overview of the setup used to measure permeability. Not shown is the camera that captures images of the capillaries at regular intervals. (b) An example of a capillary filled with a fibrin gel (bottom part) and buffer on top. The
meniscus of the fluid-air interface is clearly visible and indicated by the top arrow, the fluid-gel
interface is also indicated by the bottom arrow , although it is less clear due to the roughening of
the pipette. The scale bar (corresponding to panel b only) is 10 mm.
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Figure 3.6: Tracking the meniscus of a liquid-air interface for a 2 mg/ml fibrin gel of non-dialyzed
fibrinogen. (a) An intensity profile as a function of time for the liquid-air interface. The meniscus
is clearly visible, gradually moving towards the gel (low values of the length along the pipette). The
black markings on the pipette (see Figure 3.5b) show up as vertical stripes. (b) First derivative of the
same intensity profile. (c) Tracking the minimum in intensity as a function of time corresponding
to the raw data shown in panel a and the first derivative in panel b. Tracking the position of the
derivative gives a more smooth meniscus position over time. Panel a and b are normalized by their
maximum intensity.
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3.3.3. A PPLICATION OF THE BIPHASIC MODEL TO SHEARED NETWORKS

3

The experiments are done on fibrin samples with different mesh sizes, obtained by varying the temperature, ionic conditions and pH. To test whether the two-fluid model can
explain the data, we fit the steady state normal stress data to Eq. 3.24. The free parameters in this equation are A z and Ã. In this formula ω is the frequency of oscillatory shear
stress or strain. The other parameters G, γ0 and τ can all be directly obtained experimentally. The amplitude of the shear strain, γ0 is evaluated by fitting a sinusoidal function to
the recorded shear strain data. The linear shear modulus G is obtained by fitting a linear stress-strain relation to the stress-strain curves. In all cases, the relaxation time τ is
obtained by fitting the normal stress relaxation curves versus time to Eq. 3.28, as shown
in Figure 3.7. In Figure 3.10a, τ is plotted versus 1/(Gξ2 ), to test the predicted scaling ξ
and G. The mesh size for fibrin samples was measured (see Table 3.1 in Section 3.3.2),
while for PAAm we use a mesh size of 10 nm [137] and the predicted τ ∼ ηd 2 /Gξ2 using
G = 141 Pa, η = 10−3 Pa and d ' 1 mm.
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3.4. R ESULTS AND DISCUSSION
3.4.1. N ORMAL FORCE UNDER SHEAR DEFORMATION
To study the role of porosity in the mechanical behaviour of fibrin network, we first
demonstrate how we can tune the pore size of our fibrin networks by changing the temperature, ionic strength and pH during self-assembly [164]. This is shown in Figures 3.7a
and b, which show fluorescence microscopy images of two fibrin gels that are assembled
at the same monomer concentration of 8 mg/ml but at different temperatures. Using
quantitative measurements of the fiber mass-length ratio by light scattering, we calculate average mesh sizes of 0.36 µm and 0.29 µm for these networks (see Section 3.3.2 for
details).
To test the influence of pore size on the normal stress response, we subject each network to a constant shear stress and we monitor the normal stress as a function of time.
Intriguingly, we find that in each case, the normal stress relaxes from an initially positive or close-to-zero value to a negative steady-state value with a rate that strongly varies
with pore size. The characteristic relaxation time, τ, increases from just a few seconds
to ∼100 s as the pore size of fibrin decreases from 0.36 µm to 0.08 µm. For comparison, we also performed measurements on PAAm gels, which have a pore size of ∼ 10 nm
[137], much smaller than fibrin gels. We find that the normal stress relaxation time is
more than 15 hours (Figure 3.7c). Indeed, we experimentally observe a rapid decrease of
the relaxation time with increasing pore size, consistent with the predicted scaling of Eq.
3.8 (see Figure 3.10a). The data suggest that the normal stress is positive as long as the
polymer network and the fluid remain viscously coupled, and switches sign to become
negative when the fluid can move relative to the network. Importantly, the time scale
separating these behaviours is unrelated to the time scales apparent in the linear viscoelastic response, as G 0 is constant and much larger than G 00 over the entire frequency
range (see inset of Figure 3.7c).
A key prediction of the two-fluid model is that the response of the normal stress measured in a rheology experiment should depend on the experimental time scale relative
to the characteristic relaxation time, Eq. 3.8. To quantitatively test this prediction, we
subject the fibrin gels to an oscillatory shear stress with frequencies between 0.001 Hz
and 5 Hz, allowing us to conveniently probe a range of time scales from 0.2 to 1000 s in a
single experiment. We measure the normal stress response after the system has reached
steady state. We focus on fibrin gels polymerized at 27°C, which have a relaxation time
τ ≈ 12.5 s that lies in the middle of the experimentally accessible frequency range. In
steady state, the observed normal stresses are indeed negative over the entire frequency
range.
The normal stress response to oscillatory shear at different frequencies is plotted
for these gels in Figure 3.8 (blue squares), together with the applied shear stress (black
dashed line) and the corresponding fits of the steady state oscillatory normal stress (Eq.
3.9, red line), as functions of time. The only fit parameters are A z and Ã, since the shear
modulus G is measured independently by a small oscillatory shear and the relaxation
time τ is measured independently from the normal stress relaxation upon applying a
constant shear stress (τ = 12.5 s, Figure 3.7c). We observe excellent agreement between
the data (symbols) and the model (solid lines) over the entire range of oscillation fre-
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quencies (Figure 3.8), with fitting parameters that are insensitive to frequency (Figure
3.10b).
Perhaps the agreement between experimental data and the theoretical predictions
is easier to spot in Figure 3.9a-h where the normal stress response from Figure 3.8 (blue
square symbols) is plotted versus shear stress. As clearly seen in the figures, the Lissajous curves change shape as the frequency of the applied shear stress is increased. For
oscillation periods longer than τ (low frequencies), the normal stress decreases with increasing shear stress, demonstrating contractile behaviour under shear. In contrast, for
oscillation periods shorter than τ (high frequencies), the normal stress increases with
increasing shear stress, demonstrating extensile behaviour This experiment unambiguously shows that the normal stress response of a polymer gel is governed by fluid flow,
which is suppressed at higher frequencies. The normal stress response is therefore controlled by the network pore size, and is furthermore dependent on the shear modulus G
and the gap size d between the cone and the plate (see Figure 3.13).
Figure 3.9i-l shows the normal stress response for a fibrin gel polymerized this time
at 22°C. Although the modulus G of the gel is not significantly different from that of the
27°C gel, its mesh size is larger and hence the characteristic time scale τ is expected to
be shorter (and the characteristic frequency higher). This means that if both gels are
sheared at the same frequency, they are expected to show different Lissajous shapes. Indeed, the Lissajous curve of the 27°C gel sheared at ν = 0.01 Hz is similar to the Lissajous
curve of the 22°C gel sheared at ν = 0.1 Hz. We observe excellent agreement between
the data and the model over the entire range of applied oscillation frequencies both for
fibrin gels polymerized at 22°C and 27°C.
Thus, we find very good agreement overall with the main predictions of our model.
These predictions are, strictly speaking, derived in the low strain regime, corresponding
to linear shear elasticity. We note that our experimental results in Figures 3.8 and 3.9
were measured at a strain amplitude near 20%, as indicated by the dashed line in Figure
3.11. This is a level of strain below the point at which the response becomes strongly
nonlinear: the differential modulus at γ ' 20% is within approximately a factor of 2
of its linear value. In practice, it is difficult to measure the normal stress accurately at
lower strains over the full frequency range we study here, since the normal stress varies
quadratically with strain: at a strain level indicated by the arrow in Figure 3.11, the normal stresses would already be approximately a factor of 10 smaller, which would significantly reduce our ability to accurately probe the time dependence shown in Figure 3.9.
Well within the linear regime, with an amplitude of the shear oscillation of 0.4%, the applied shear stress is 10 Pa. However, at that applied shear stress the normal force channel
of our Kinexus Pro+ rheometer rheometer shows a noisy signal with an amplitude of approximately 0.001 N, which is comparable to the specified resolution of the normal force
sensor of 0.001 N.
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Figure 3.7: Fluorescence confocal microscopy images of fibrin networks whose pore size is tuned
by polymerizing under different conditions: at 22°C (a) and 27°C (b). The scale bars are 10 µm. The
protein content is 8 mg/ml in both samples. (c) Normal stress σN , given by the apparent normal
stress difference 2F2 obtained from the rheometer thrust F , for four fibrin networks differing in
πR
pore size and a polyacrylamide gel, as a function of time after the application of a constant shear
stress at t = 0. The stress relaxation curves are fitted to an exponential decay derived from the
two-fluid model (black lines). The characteristic time for normal stress relaxation is unrelated to
the viscoelastic time scale, as shown in the inset where the storage moduli (filled symbols) and the
loss moduli (open symbols) of the gels are plotted.
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Figure 3.8: Normal stress response σN , given by the apparent normal stress difference N1
=
2F
reported by the rheometer (blue square symbols), of a fibrin gel polymerized at 27°C to an
πR 2
oscillating shear stress (dashed line) for different frequencies ν versus time. The fit (red line) according to Eqs. 3.9-3.11 is also shown where the fitting parameters are 2A z and Ã. In these equations the shear modulus G is independently obtained from the rheology data. The data shown
at ν ≥ 0.1 Hz represent averages with standard deviations obtained by averaging over 34 cycles to
compensate for the low sampling frequency of the rheometer. The normal stresses are all negative
since they correspond to steady-state values, obtained after initial relaxation (Figure 3.12).
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Figure 3.9: (a) - (h) Normal stress response (blue square symbols) of fibrin gels polymerized at
27°C for different shearing frequencies versus shear stress. The fit (red solid line) according to
Eqs. 3.9-3.11 is also shown. The data are the same as in Figure 3.8. (i) - (l) Normal stress response
(blue square symbols) of a fibrin gels polymerized at 22°C for different shear stress frequencies
versus shear stress. The fit (red solid line) according to Eqs. 3.9-3.11 is also shown where the fitting
parameters are 2A z and Ã. The characteristic time τ for this gel is shorter (τ = 10.17 s) than for
the gel in (a) - (h), such that similar “butterfly-shapes” are found at a higher frequency. The data
shown at ν ≥ 0.1 Hz represent averages with standard deviations obtained by averaging over 34
cycles to compensate for the low sampling frequency of the rheometer.
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Figure 3.10: (a) Relaxation times for fibrin and PAAm gels obtained from the fits in Figure 3.7.
These relaxation times are plotted vs 1/(Gξ2 ) for comparison with predicted relaxation time dependence (Eq. 3.8) on ξ and G. For PAAm, we useq
ξ = 10 nm, which is consistent both with prior
literature values [137] and with the estimated ξ ∼

ηd 2 /(Gτ) using our model, together with the

fit τ = 15.5 h, G = 141 Pa, η = 10−3 Pa and d = R tan(α) = 25 tan(2◦ ) mm ' 1 mm. (b) The fit parameters A z and Ã for the fibrin sample polymerized at 27◦ C as a function of frequency.
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Figure 3.11: The differential storage modulus K 0 as a function of applied shear strain γ for a
8 mg/ml fibrin gel polymerized at 27°C. The arrow indicates the onset of nonlinearity at γ0 = 6.0%,
calculated using γ0 = 0.61/(A z − 0.86) (Ref. [165]), where A z is obtained from Figure 3.10b. The
dashed line corresponds to an applied shear stress of 800 Pa, which is the applied stress in Figures
3.8 and 3.9.

3.4.2. T RANSIENT STARTUP REGIME DURING OSCILLATORY SHEAR MEASURE MENTS

The presented two-fluid model predicts a transient response in the normal stress at the
beginning of the shearing process. We test this by measuring the full time dependence
of σN , as determined by the thrust F , according to Eq. 3.17, as shown in Figure 3.12. In
Figure 3.12a, a constant shear stress is applied whereas in Figure 3.12b we show the transient normal stress response to an oscillatory shear stress. The red line shows the experimental data, the blue line is the fit using Eq. 3.28. In Figure 3.12c the data of Figure 3.12b
are replotted, with σN as a function of shear stress instead of time. This representation
allows us to have a better perspective of the initial transient behaviour found in both
the experimental data and the model. Both in the case of a constant shear stress and an
oscillatory shear stress, the normal stress decay is accurately described by the two-fluid
model, and with comparable decay constants.
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Figure 3.12: Transient normal stress data for fibrin gels polymerized at 22°C. (a) The red line shows
the normal stress difference relaxation data versus time when a constant shear stress has been
applied. The blue line is a stretched exponential fit of the data using Eq. 3.28 which yields the
relaxation time τ = 4.15 s. (b) The red line shows the normal stress difference data versus time
when an oscillatory shear stress with frequency ν = 0.3 Hz is applied. The blue line is the fit which
yields the relaxation time τ = 6.62 s. The inset zooms in on the stationary response. (c) The same
data shown in (b) plotted as apparent normal stress versus shear stress.
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3.4.3. I NFLUENCE OF RHEOMETER SHEAR CELL GEOMETRY ON THE NOR MAL STRESS SIGNAL

As a further test of the validity of the two-fluid model for fibrin gels, we measure the
normal stress relaxation time for different measurement geometries, using a fibrin gel
ηd 2

of a fixed pore size (8 mg/ml, polymerized at 27°C). The dimensional analysis (τ ∼ Gξ2 ,
Eq. 3.8) predicts a dependence of the relaxation time on the square of the gap size d . By
changing the measurement geometries, we thus expect the normal force signal at a given
oscillation frequency to change.
We measure for different frequencies the phase shift φ between the normal force signal, N (t ) = A cos(2(2πν)t + φ), and the squared shear strain, γ(t )2 = (γ0 cos((2πν)t ))2 =

3

γ20
2 (1+cos(2(2πν)t )).

We choose to compare N (t ) with γ(t )2 because both quantities have
the same frequency (2ν), and because of the analogy with the Mooney-Rivlin model prediction, N = Gγ2 .
The phase shift as a function of frequency measured for several cone-plate (CP) geometries is shown in Figure 3.13a. We observe a marked dependence on the type of
geometry, and thereby the gap size. As shown in Figure 3.13b, we can scale out these
differences by rescaling the frequency axis by the characteristic relaxation time τ, where
d is the gap of the rheometer, chosen at the edge for the cone-plate geometries. To test
that indeed the size of the gap at the edge of the geometry is the relevant parameter and
not the diameter of the geometry, we used a PP-20 system with two different gap sizes.
We observe a collapse of all the curves (Figure 3.13b), showing that the gap size at the
boundary (Figure 3.2) is the relevant length scale that governs the time-dependence of
the normal force, in accordance with predictions from the dimensional analysis.
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Figure 3.13: (a) Apparent phase shift between the normal stress and the shear strain for fibrin gels
polymerized at 27°C as a function of the shearing frequency, for various shearing geometries. (b)
The frequency axis is rescaled by the characteristic time τ ∼ ηd 2 /(Gξ2 ). Error bars on the CP40-2
data set represent the standard deviation between 6 measurements.
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3.4.4. N ORMAL FORCE UNDER UNIAXIAL COMPRESSION
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In response to shear deformation, we observed a normal force due to solvent flow on the
length scale of the gap size d of the rheometer geometry. In this Section we report measurements on fibrin gels that are compressed between two impermeable steel plates,
which induces fluid flow on a larger length scale: the radius of the rheometer geometry.
An example of such a measurement is shown in Figure 3.14a, where two fully polymerized fibrin networks (2 and 4 mg/ml fibrin), polymerized under coarse clot conditions (Section 3.3.1), are compressed at a rate of 1 µm/s until 10% axial strain is reached.
During the compression an increase of the normal force is observed, which relaxes to a
value slightly higher than the initial normal force after the axial strain is held constant
at 0.9 mm for at least one minute. Indeed, when we apply an increasing axial strain, we
find that, after full relaxation, that the residual normal force increases as well, as shown
in Figure 3.14b. This demonstrates the poroelastic nature of fibrin gels: a residual, static
normal force originating from the elastic network, and a decaying normal force from
viscous solvent flow.
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Figure 3.14: Network compression followed by normal force relaxation. (a) The samples are a 2
and 4 mg/ml coarse fibrin gel, polymerized at 22°C in a 40 mm plate-plate geometry. During the
first 100 s, the network is compressed at a constant rate of 1 µm/s from h = 1.0 mm to 0.9 mm.
Starting at t = 0 s, the sample is held at a fixed (axial) strain, and the normal force F n , normalized to the value at t = 0 s, relaxes to a value close to the initial value. (b) Residual normal force
with increasing compressive strain ². The samples are 2 mg/ml coarse fibrin gels, polymerized at
22°C in a 40 mm plate-plate geometry. Data points were taken after full relaxation, indicated by a
constant normal force. The data points shown in this graph are the average of three independent
measurements; error bars represent the standard deviation.

Unfortunately the relaxation time for the 2 mg/ml fibrin gels polymerized in coarse
clot assembly buffer is so fast that within the first data point (with duration 1 second)
most relaxation already has taken place (Figure 3.14a). In Supplementary Figure 3.1 we
show the normal force relaxation for fibrin gels polymerized in both coarse and fine assembly buffers, with a range of fibrinogen concentrations. The fibrin gels assembled in
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fine clot buffers are expected to have a slower relaxation response due to their smaller
pore size [166]. We chose to use gels with a protein concentration of 6 mg/ml, to slow
down the relaxation mechanics while maintaining a normal force below 50 N, which is
the highest force that our rheometers can apply. In Figure 3.15 the normal force relaxation is shown for gels polymerized in a 40 mm and in a 20 mm diameter plate-plate
geometry. We chose to use two different geometry radii, as during compression of a
biphasic material, fluid flow (poroelasticity) can be distinguished from rearrangement
of the network (viscoelasticity) by considering that the former is scale-dependent, while
the latter is not [167]. On long time scales (over approximately 3000 s for the PP-40 and
1000 s for the PP-20 geometries), the force resolution of the instrument, specified to be
0.01 N, limits the accuracy with which we can monitor the normal force.
When plotted on a log-lin scale (Figure 3.15a and c), we observe two regimes before
the noise floor is reached, indicating that there are (at least) two typical time scales over
which relaxation takes place (which is predicted in Ref. [168] for systems with a heterogeneous force distribution). We independently fitted both regimes, indicated by the bars
in panels a and c. When plotted on a log-log scale (panel b and d), we observe, after a
short initial adaptation period, a power law decay of the normal force over one decade in
time. The fitted values of the decay times and power law exponent for both geometries
are summarized in Table 3.2.
As there is a significant variability in decay times measured for different repeats between the fitted decay times t 1 and t 2 for samples polymerized in the PP-40 and PP-20
geometries, we can only make the qualitative observation that increasing the geometry
radius increases both decay times. We conclude that the (macroscopic) permeation of
fluid through the network is responsible for the normal stress response. However, the
p
sample-to-sample variation is too large to distinguish between e.g. a factor 2, 22 or 2
between the PP-40 and the PP-20 geometries (where 22 is predicted in Ref. [115]), or
whether the difference between t 1 and t 2 is dependent on the radius of the geometry.
The two-stage decay suggests the existence of at least two decay mechanisms: one due
to poroelasticity [115], and another, perhaps pressure-mediated remodeling of the gel
(which has been shown to occur in previous works [169–174]).
Finally we measure the normal stress response of 8 mg/ml gels polymerized at 27°C
under coarse clot conditions (Figure 3.16). This is the same gel as used in Section 3.4.1 for
measurements of the normal force under shear. Although relaxation is faster than for the
6 mg/ml fibrin gels polymerized under fine clot conditions, the acquisition frequency is
high enough to capture the full normal force decay, including the rapid initial relaxation.
When we fit the normal force decay curve of these gels to a double exponential, we find
an average decay time of 21.0 ± 1.1 s for the first exponential decay. This value for t 1 is
higher than the value of τ = 12.5 s we found during shear experiments. As the gels are
formed under identical conditions, this indicates that fluid permeation during shear experiments is quicker, and hence has to occur on a smaller length scale (on the order of
the gap size, see Eq. 3.8 and Section 3.4.3), while fluid permeation during the compression experiments occurs on the larger scale of the plate radius. Although the difference
between t 1 and τ seems minor considering the difference between the geometry radius
and the gap size, one has to consider that the surface area of a cylinder grows with the
square of its radius, such that half of the gel’s volume sits in the outer 29% of the sample.

3

3. E LASTICITY AND HYDRAULIC PERMEABILITY GOVERN NORMAL FORCE IN FIBRIN
62

NETWORKS

t1
t2
power

PP-20 (6 mg/ml fine)
29 ± 1 s
205 ± 45 s
−1.22 ± 0.06

PP-40 (8 mg/ml coarse)
21.0 ± 1.1 s
136 ± 89 s
1.44 ± 0.34

Table 3.2: Normal force relaxation of 6 mg/ml fibrin gels polymerized under fine clot conditions
in a PP-40 or PP-20 geometry, and 8 mg/ml fibrin gels polymerized in a PP-40 geometry under
coarse clot conditions at 27°C, characterized either by fitting with the time-dependent decay with
two exponentials with decay times t 1 and t 2 , or by fitting a power law. Errors are the standard
deviation from three independent samples.
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Figure 3.15: Network compression followed by normal force F n relaxation. The samples are
6 mg/ml fine fibrin gels, polymerized at 37°C in a plate-plate-40 (PP-20) or plate-plate-20 (PP20) geometry. Different colours mark independently prepared samples. During the first 50 s, the
network is compressed at a constant rate of 1 µm/s from 1.0 mm to 0.95 mm. Starting at t = 0 s, the
sample is held at a fixed (axial) strain and the normal force F n , normalized to the value at t = 0 s,
relaxes to a value close to the initial value. The relaxation in a PP-40 geometry is plotted on a linlog scale (a) and on a log-log scale (b). The relaxation in a PP-20 geometry is plotted on a lin-log
scale (c) and on a log-log scale (d). The fitting range of the exponential function in (a) and (c), and
the power law behaviour in (b) and (d), is indicated by the horizontal bar.
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Figure 3.16: Network compression followed by normal force F n relaxation. The sample is a
8 mg/ml coarse fibrin gel, polymerized at 27°C in a plate-plate-40 geometry. (a) A double exponential decay function (grey line) has been fitted to the data. For this sample, the typical decay
time t 1 = 21.7 s, and t 2 = 72.9 s. (b) A power law fit (grey line) between t = 50 and t = 500 s (indicated by the horizontal bar) results in a power of -1.96. The interpretation of the power law decay
function is currently unclear.
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3.5. C ONCLUSION

3

We showed that poroelastic effects involving interstitial fluid flow play an unexpectedly
important role in the shear rheology of polymer gels. Poroelastic effects in porous media such as fluid-imbibed polymer gels are usually considered to affect only volumechanging deformations such as compression and extension [175–177]. Our experiments
and theory demonstrate that the shear response of polymer gels is highly sensitive to
fluid flow and network compressibility, in spite of the volume-conserving nature of simple shear deformations. Depending on the time scale of deformation and the hydrodynamic coupling of the polymer network with the surrounding solvent, polymer gels
behave as either incompressible materials with a positive normal stress or compressible
materials with a negative normal stress. We also demonstrated, by comparing compressive versus shear deformations on the same gels, that the typical time scale that sets
whether a material is considered compressible or incompressible, depends in shear on
the gap size of the rheometer geometry, while in compression on the geometry radius.
We demonstrated that the normal stress response of both synthetic and biopolymer
gels is quantitatively captured by a minimal model that takes into account the biphasic nature of hydrogels. This model can explain why synthetic hydrogels exhibit sheardilation, while biopolymer gels exhibit shear-contraction. This insight suggests a new
route to tailor the sign and magnitude of the normal stresses for polymer materials by
tuning the pore size, solvent viscosity, and nonlinear shear elasticity. This design principle could prove valuable in the context of materials science, since normal stresses can
cause elastic instabilities that severely complicate processing [130]. In principle, the
mechanism of local relative motion of solvent and network applies to any two-component
gel with network and solvent. In practice, however, the relaxation time τ can become
very long for small pores, making the gel effectively behave as incompressible singlecomponent systems.
Finally, our findings highlight the important role of poroelastic effects in tissue and
extracellular matrix mechanics [178], where normal stresses can become a dominant
stress component, even for small strains of order 10% [133]. Related poroelastic effects
in intracellular networks have previously been shown to govern the rheology of cells.
However, the much smaller cellular dimensions d ' 1 µm, can be expected to limit the
corresponding poroelastic relaxation time to of order 1 s, even though the mesh size is
only of order 10 nm [179], which renders cells effectively compressible on time scales &
1 s.

I thank Melle Punter, Mahsa Vahabi and Henri de Cagny for a pleasant collaboration and interesting discussions on the permeability of fibrin hydrogels. I thank Hinco
Schoenmaker for his help with the permeability setup.

A PPENDIX
3.A. C OMPRESSION OF FINE CLOT AND COARSE CLOT FIBRIN
GELS AT MULTIPLE PROTEIN CONCENTRATIONS
In Supplementary Figure 3.1 we show the normal force relaxation for fibrin gels polymerized in coarse (150 mM NaCl, 20 mM HEPES and 5 mM CaCl2 at a pH of 7.4) and
fine (400 mM NaCl, 50 mM Tris and 3.2 mM CaCl2 at a pH of 7.4) assembly buffer, for a
range of fibrinogen concentrations. For the coarse clots, the decay of the normal force
is so fast that most relaxation has taken place before the first data point. For fine gels
with a 10 mg/ml fibrin concentration, the normal force reaches a value of 50 N, which is
the highest that the rheometer can apply. In this case, the gel is not compressed to the
final axial position in one go but held at an intermediate strain until the normal force has
sufficiently decayed such that it can be further compressed.
We chose for our compression measurements 6 mg/ml fine clots, as the relaxation
dynamics can be monitored on an experimentally accessible time scale (both the quick,
initial response and the slow decay), while at the same time the maximum normal force
is well below 50 N, such that even with sample-to-sample variations the 50 N limit is not
reached.
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Supplementary Figure 3.1: Normal force decay after compression, for a range of fibrin concentrations (2 to 10 mg/ml), in both coarse and fine assembly buffer. The maximum normal force that
the rheometer can apply (50 N) has been indicated by a dashed line.
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4
C ONNECTING FIBRIN ’ S STRUCTURE
AND MECHANICS BY A MULTISCALE
APPROACH
Monomers! Filaments!
Who bears the strain today?
Will one extend,
or the other align?
Nature is sharing the
responsibility.
Strong yet extensible
through its design.

Fibrin is an elastomeric protein that plays a critical role in blood clotting and wound healing by assembling into fibrillar networks that scaffold blood clots. Fibrin networks strongly
stiffen when strained and are highly extensible, thus imparting an enormous mechanical
resilience to blood clots. It has been difficult to pinpoint the origin of this elastomeric behaviour due to fibrin’s complex structure. Here we reveal the mechanisms that underlie
the mechanical resilience of fibrin networks by performing in situ X-ray scattering measurements of the changes in structure upon mechanical shearing across all relevant scales,
from the network level down to the molecular packing structure of the constituent fibers.
We show that the mechanical resilience of fibrin networks is caused by a hierarchy of structural responses that set in consecutively as the shear strain is increased. The networks exhibit an entropic response at small strains where fiber slack is pulled out, followed by fiber
67
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reorientation and finally by fiber stretching mediated by stretching of the intrinsically disordered domains of the fibrinogen molecule. We measure only a slight increase of the axial periodicity, indicating that there is minimal unfolding of the ordered domains of the
molecule. When the load is removed, the structural changes at the network level are fully
reversible, but the molecular packing structure is changed to a more ordered structure with
a smaller axial periodicity than for the virgin sample. Our findings provide a mechanistic
framework to understand the strain-dependent mechanical response of blood clots, which
is a prerequisite to understand the molecular basis of blood clotting disorders. Moreover,
our findings identify hierarchical structuring as a powerful design principle to make resilient materials.
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4.1. I NTRODUCTION
N Nature, many examples are found of elastomeric materials made of protein fibers.
Prominent elastomeric proteins in the human body are the intermediate filament cytoskeleton of cells [180], elastin and fibronectin in the extracellular matrix [181, 182],
and fibrin in blood clots and wounds [124]. These proteins all form filaments that can
reversibly stretch up to tensile strains of around 150% and sustain strains of several hundreds of percent [183–185]. Fibrin networks are a particularly interesting example, as
they also strongly stiffen under deformation, increasing their elastic modulus by two orders of magnitude before rupture [125]. This stress-stiffening response, together with
the high extensibility of fibrin, provide blood clots with an enormous mechanical resilience against the shear forces exerted by flowing blood and the traction forces exerted
by cells [186, 187]. Given the importance of fibrin elasticity for hemostasis [13], there has
been a long-standing interest in the molecular mechanisms by which fibrin achieves its
elastomeric behaviour.
The elastomeric properties of fibrin networks are believed to somehow originate
from their complex hierarchical architecture (Figure 4.1a). This architecture is generated by a multi-step self-assembly process that is encoded in the molecular structure of
the soluble precursor protein fibrinogen. Fibrinogen is a symmetric trinodular molecule
that is 45 nm in length, made up of two sets of three polypeptide chains denoted Aα,
Bβ and γ [188, 189]. The central nodule is formed by the N-terminal portions of all
six chains, and is connected to the distal nodules formed by the C-terminal parts of
the β- and γ-chains via α-helical coiled-coil connector regions. Near the ends of the
molecule, the Aα chains expose long and flexible C-terminal regions known as the αC
regions [190]. Self-assembly is initiated by the enzymatic conversion of fibrinogen to
fibrin by thrombin, which unmasks ‘knobs’ in the central region that recognize corresponding ‘holes’ in the distal regions of other molecules. Knob-hole interactions drive
precisely half-staggered self-assembly of monomeric fibrin into protofibrils [191]. Once
the protofibrils reach a critical length, they laterally associate into fibers driven by knobhole interactions as well as specific interactions between the flexible αC regions of adjacent protofibrils [192]. The resulting bundle-like structure is covalently bonded by enzymatic cross-linking mediated by Factor XIII (FXIII) [18]. Along their axis, fibrin fibers exhibit the same half-staggered packing periodicity as protofibrils [193–195]. But in crosssection, evidence from light and X-ray scattering suggests that protofibrils are packed in
a more disordered fractal or partially crystalline array [52, 96, 196]. The fibers in turn
form a random network structure that is branched and cross-linked to varying degrees
depending on the self-assembly conditions [75, 197].
The complex architecture of fibrin networks covering multiple length scales provides
several possible mechanisms that may contribute to fibrin elasticity. On the molecular
scale, single-molecule experiments and molecular dynamics simulations have shown
that fibrin monomers can lengthen substantially through forced unfolding of the coiledcoil connector regions [198, 199]. Simulations predict that stretching converts the molecular conformation of the connector regions from α-helical to β-sheet [200, 201], providing a possible mechanism to explain the nonlinear stiffening of fibers observed at large
tensile strains [202]. At the fiber scale, an additional mechanism for elongation emerges
as a consequence of the intrinsically disordered αC regions, which form long and flex-
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ible tethers connecting the more rigid protofibrils [203]. The most direct evidence for
this mechanism comes from stretching experiments on fibers assembled from fibrinogen from different animal species, showing that the fiber extensibility correlates with the
length of the αC region [204]. Further evidence comes from observations of the recoil
dynamics of individual fibrin fibers, which was shown to be faster than expected from a
mechanism involving protein refolding [205]. Yet the relative importance of the stretching of the αC regions versus unfolding of the coiled-coil connector regions remains unknown since we lack direct measurements or simulations of secondary structure at the
fiber level. On the network level, yet another mechanism by which fibrin accommodates
strain emerges, coming from the alignment of fibers towards the direction of principal
strain [31, 133, 206].

4

It is currently unknown to what extent the different levels of structure of fibrin network contribute to the overall mechanical behaviour [32]. Experimentally, the challenge
is to perform in situ measurements of structural changes from the monomer to protofibril, fiber and network level in response to a macroscopic deformation. A few studies have
started to address this challenge by using either vibrational spectroscopy to track the secondary structure of fibrin monomers [207, 208] or Small Angle X-ray Scattering (SAXS)
to track the axial packing periodicity of the fibers [31]. These studies provided evidence
that molecular unfolding occurs at macroscopic tensile strains above 100%. However, it
remains unclear to what extent mechanisms such as fiber reorientation and stretching
of the unstructured αC-regions contribute to the macroscopic elasticity.
Shear rheology measurements suggest that the different levels of structure each contribute at different levels of strain [16, 125]. A typical example of the strain-dependent
elasticity for a reconstituted fibrin network is shown in Figure 4.1b. The elasticity shows
clearly distinguishable elastic regimes with an initial linear regime followed by a multistep stiffening response. Based on polymer network models it was proposed that increasing levels of shear strain induce a succession of distinct elastic responses. Small
strains pull out thermal fluctuations of the fibers, leading to an entropic strain-stiffening
response. Larger strains stretch the fiber backbone, leading to an enthalpic mechanical
regime. In the enthalpic regime, the network is expected to stiffen by a combination of
fiber alignment along the shear direction and nonlinear stiffening of the fibers themselves. This model can indeed quantitatively account for the stress-strain response of
fibrin networks [16, 125], but relies on the assumption that the macroscopic strain is
homogeneously distributed to smaller scales. Strain-field mapping experiments have
shown that this affine assumption can break down in fibrous networks [35, 133]. Clearly
a complete explanation of the multi-step stiffening and extensibility of fibrin networks
requires direct measurements of structural changes both at the molecular and network
scale.
In this Chapter we present direct measurements of the structural mechanisms that
explain the elasticity of fibrin networks by in situ SAXS experiments on fibrin networks
subject to a macroscopic shear deformation. The SAXS scattering patterns provide simultaneous access to shear-induced changes in alignment of the fibrin fibers through
the anisotropy in the scattering patterns, and changes in the molecular packing structure of the fibers through the position and width of the Bragg peak corresponding to
the periodic axial packing order. We independently verify the alignment measurements
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by confocal microscopy of sheared fibrin networks. We show that increasing levels of
shear strain induce distinct changes in elasticity that coincide with distinct structural
responses at different scales. There are no observable changes in the fiber or network
structure up to strains of around 25%, consistent with entropic elasticity. At 25% strain,
we find the onset of fiber alignment, which coincides with the onset of a second strainstiffening regime. We find that fiber reorientation closely follows the expected alignment
for an affinely deforming network, showing that strain is uniformly distributed down to
length scales of at least 50 nm. Once the strain reaches values above 100%, we observe
a progressive increase of the axial packing distance, albeit much smaller than the total fiber strain. Surprisingly, when the strain is brought back to zero, the fiber orientations return back to the original state, whereas the axial packing distance slightly shrinks
compared to the original state, and the axial packing order increases. We propose that
mechanical stretching can remodel the packing order of the protofibrils forming a fiber,
since fibers are arrays of protofibrils connected by stretchable αC-domains.
Prior molecular-scale investigations of deformed fibrin networks considered uniaxial stretching rather than shear [31, 209]. A direct comparison between measurements
under shear versus uniaxial extension is difficult, since shear is a volume-conserving deformation while extension is accompanied by volume changes that will affect the degree
of fiber reorientation and thereby the strain field. To test the correspondence between
structural responses under shear versus tensile deformation, we also perform SAXS measurements on fibrin networks subject to uniaxial extension. We find that a strong reduction of the network volume with increasing tensile strain enhances the degree of fiber
alignment compared to that observed during shear. Similar to shear, we observe a small
increase of the axial packing distance, that is much smaller than the total fiber strain.
Our findings provide a mechanistic framework to understand the strain-dependent
mechanical response of blood clots. Specifically, the SAXS measurements provide direct support for recent models of fibrin elasticity that propose a combination of entropic (network-scale) elasticity at small strains and enthalpic (fiber-scale) elasticity at
high strains. Our measurements furthermore support proposals that fiber stretching is
mainly mediated by the reversible stretching of the αC regions. Our results provide a basis for interpreting the molecular basis of hemostatic and thrombotic disorders associated with mutations in fibrinogen and abnormalities in fibrin structure [210], especially
in the αC-region [211, 212]. In the context of materials science, our findings show how
hierarchical structure provides a design principle to create bio-mimicking materials capable of sustaining large strains and stresses [213].
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Figure 4.1: Hierarchical structure and elasticity of fibrin networks. (a) Schematic representation
of the hierarchical structure of fibrin, progressively zooming in from the network level, to the fiber
level, to the protofibril level, and ultimately the monomer level. The molecular structure of the
monomer is shown in the bottom right corner, with the distal D-domains, central E-domain, and
α-helical coiled-coil connector regions. The crystal structure is taken from [188]. Note that the
intrinsically disordered αC-regions do not show up in the crystal structure. (b) Example measurement of the differential elastic modulus K 0 of a 4 mg/ml fibrin gel as a function of an applied shear
stress σ. The entropic stretching regime is indicated by a purple background, the enthalpic regime
by an orange background. Different mechanical regimes are indicated by numbers, and separated
by grey dashed lines. A dotted line indicates a power law with slope 3/2, which is predicted for
stretching of a semiflexible polymer chains.
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When we consider a ray of light incident on a crystal lattice [214–216], every plane of the
lattice will reflect a tiny portion of the incident light under the same angle as the incident
angle θ. The extra distance travelled by light reflected on a plane deeper in the crystal
is twice (back and forth) the separation between the planes d , multiplied by the sine of
the angle of incidence θ. When this factor of 2d sin(θ) equals exactly one or any integer
multitude n wavelengths λ, the waves reflected on different planes will be in phase, and
hence interfere constructively. This scattering condition is referred to as Bragg’s law [217]
and often denoted in the following form (see Figure 4.2):
2d sin(θ) = nλ

(4.1)

Note that nλ
2d ≤ 1; otherwise the light will pass directly through the crystal (as the maximum value that the sine function can attain is one). Hence, with the right choice of
wavelength and angle of illumination, the crystal structure can be investigated from the
so-called Bragg peaks. If the scattering occurs on a monocrystalline sample, individual
spots will appear at specific distances and angles with respect to the axis of the incident
light beam, where the position of the spots is determined by the periodicity of the lattice
in x, y and z; while the width of the spots is determined by how well-defined the crystal
lattice is. On the other hand, if the crystal is not monocrystalline and all different crystal
orientations are present (e.g. diffraction on a powder), a ring rather than individual spots
will form around the beam axis.
Historically, X-ray scattering has been used to study the crystal structure of salts, as
the X-ray wavelength and salt periodicity are both in the nanometer range, and strong
scattering on the relatively heavy elements present in salts provides good signal [216].
More recently, X-ray scattering is also employed to study biological materials, despite
the challenge posed by a weaker scattering signal. Some examples include scattering
on polyisocyanide gels [218], a material mimicking biological hydrogels, correlating its
structural and mechanical properties. On a larger scale SAXS has been used to quantify
alignment in collagen [219], accessing a length scale that we also intend to use.

4.3. M ATERIALS AND M ETHODS
4.3.1. F IBRIN POLYMERIZATION
Human plasma fibrinogen (Plasminogen, von Willebrand Factor and Fibronectin depleted) and human α-thrombin were obtained in lyophilized form from Enzyme Research Laboratories (Swansea, United Kingdom). All chemicals were obtained from Sigma
Aldrich (Zwijndrecht, The Netherlands). Fibrinogen (lyophilized in 20 mM sodium citrateHCl buffer at pH 7.4) was dissolved in water at 37°C for 15 min to its original concentration (approximately 13 mg/ml) and dialysed against fibrin buffer containing 20 mM
HEPES and 150 mM NaCl at a pH of 7.4 in order to remove citrate, which complexes with
Ca2+ ions that are required for FXIII and thrombin activity. A dialysis membrane with
a Molecular Weight Cut-Off (MWCO) of 10 kD was used. 50 ml of sample was dialysed
against 1 L of buffer, under continuous stirring. After one hour of dialysis at room temperature, the buffer was replaced, and after another hour, the buffer was replaced again.
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Figure 4.2: A schematic representation of Bragg scattering. When incident light with wavelength
λ hits a plane in a crystal lattice, it will be partially reflected under the same angle as the angle
of incidence θ. With the right combination of λ, θ and separation between planes d , there will
be constructive interference as the light reflected on one plane and the next are in phase (green
waves), resulting in Bragg diffraction. In case of a mismatch, there will be destructive interference
(blue waves) and no Bragg diffraction.

The third dialysis step was performed at 4°C overnight. After dialysis, the fibrinogen solution was aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. The monomer
concentration was checked by spectrophotometric measurements of the absorbance at
280 and 320 nm using a Nanodrop 2000 spectrophotometer (Thermo Scientific) and using an extinction coefficient of 16.0 mg/(ml cm) [51] at 280 nm. The absence of absorption at 320 nm indicates that no aggregates are present. The final fibrinogen concentration was typically around 10 mg/ml. Prior to use, the fibrinogen was quickly thawed at
37°C, and then diluted and mixed with 500 mM CaCl2 at room temperature to a final assembly buffer containing 20 mM HEPES, 150 mM NaCl and 5 mM CaCl2 (“coarse clots”).
Dense networks (“fine clots”) with an average pore size of 0.08 µm were obtained in fineclot assembly buffer (400 mM NaCl, 3.2 mM CaCl2 and 50 mM Tris-HCl) at a pH of 8.5
[54].
Thrombin (lyophilized in 50 mM sodium citrate and 0.2 M NaCl) was, on ice, reconstituted in water to its original concentration (approximately 10,000 U/ml), and quickly
aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. Assembly was initiated by
the addition and quick mixing of 0.5 U/ml of thrombin from a 20 U/ml thrombin stock,
kept on ice for a maximum of 24 hours. After addition of thrombin, the mixture was
quickly transferred to a custom-made Teflon mould for tensile tests or to a (confocal)
rheometer, to allow in situ polymerization.

4.3.2. T ENSILE TESTING
We performed extension tests on fibrin networks using a Deben Microtest tensile tester
(Woolpit, United Kingdom), equipped with a 2N-loadcell at room temperature. After
the addition of thrombin, 700 µl of the assembling fibrin network was pipetted into a
custom-made Teflon mould with a dog-bone shape (39×6.5 mm, see Figure 4.3a). Pieces
of Velcro were inserted in the polymerizing gel at both ends, to allow clamping of the gel
in the tensile tester (see Figure 4.3a). The Teflon mould with the polymerizing sample
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was placed in a sealed box with some wet tissue, to prevent solvent evaporation. After
polymerization, the sample was gently removed by lifting the Velcro at the two ends using a pair of tweezers, and was transferred to the tensile tester. In order to monitor the
strain on the gel, we added markings with graphite powder (obtained by grinding a piece
of graphite), as shown in Figure 4.3b. The initial length of the fibrin was 10.0 mm, and
deformation was applied at a rate of 4 mm/min, or 67 µm/s. The deformation and applied force were recorded every 0.5 s. We note that the weakest mechanical link in the
system is the method by which we load the fibrin gel in the tensile tester, as rupture always occurred at the attachment site between the Velcro and the fibrin gel. Alternative
methods, such as direct clamping [220] or a toroidal gel shape [221], could improve the
maximum achievable strain.
The resulting force-extension curves for a 4 mg/ml fibrin gel are shown in Figure 4.4.
The engineering strain is defined as γ = L/L 0 , where L is the instantaneous length and
L 0 the original length of the unloaded gel. Since there is some variation to the slack in
the fibrin gels after clamping in the tensile tester, we used the onset of the force response
to determine L 0 , which is at approximately 11 mm gel length (see the inset of Figure 4.4;
the initial distance between the two clamps is 10.0 mm).
We measured the volume of the fibrin gel during extension by tracking the separation
of the graphite markings and the width of the gel. To this end, we positioned a Sony Cybershot DSC RX100 M3 camera above the tensile tester, and took an image every 1 mm of
extension. Using manual tracking in ImageJ, we then obtained the gel’s volume through
multiplication of the length with the width squared. We checked the assumption that
the sample width and height decreased by the same amount by placing a second camera
(a Nikon D40) orthogonal to the first camera, allowing pictures to be taken from the side.
In Figure 4.5a we show an example of a 4 mg/ml fibrin gel under increasing levels
of applied strain, showing the contraction of the gel in the direction orthogonal to the
extension, in Figure 4.5b we show the resulting relative volumes. Indeed we observed by
visual inspection of the samples that droplets of liquid formed on the surface of the gel
during extension. We approximate the change in relative volume by a linear regime until
a threshold strain of 18%, after which the data shows a gradual decrease. We quantify
this decrease by fitting an exponential decay of the form V (γ) = V0 + Ae −(γ−γ0 )/γt , where
V0 is the residual volume, A the amplitude of the volume decrease and γt the typical
strain where the volume decrease is 1/e, with the constraints that the transition between
the regimes is continuous, such that the sum of V0 and A is 1, and that γ0 = 0.18, i.e.,
the end of the linear regime. This provides us a functional form of the change in volume
with strain, that we can use to calculate the expected nematic order parameter using
Equations 4.46 and 4.50.
Figure 4.13b shows the predicted evolution of the nematic order parameter for an
affinely deforming collection of rods with strain with the assumption that the system’s
volume changes as in Figure 4.5. The order parameter increases more rapidly than when
the boundaries that are orthogonal to the direction of strain are fixed or when volume
conservation is assumed, indicating that the volume of the gel decreases during extension.
Our observation of gel shrinkage in response to extension is consistent with several
prior studies, although there are variations in the magnitude of the effect and the onset
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strain. These variations are likely due to differences in the assembly conditions and assay geometry. One study showed a vertical contraction of 50% already upon 10% applied
stretch for a gel that was stretched in the x-direction, confined in the y-direction, and
was allowed to move freely in the z-direction [126]. The fibrin concentration was the
same as ours but the assembly contained a higher (20 mM versus 5 mM) CaCl2 concentration and a lower (0.05 U/ml versus 0.5 U/ml) thrombin concentration. Another study
reported a linear decrease in sample volume until approximately 60% strain, leading to
a final volumetric shrinkage by a factor 10. This study used a higher fibrinogen concentration (10 mg/ml instead of 4 mg/ml) and a higher CaCl2 concentration (10 mM versus
5 mM), and the same thrombin concentration [31]. It was proposed that gel shrinkage
could be due to expulsion of water from the fibers themselves upon protein unfolding
and hydrophobic collapse [31, 222]. Alternatively, contraction could also be due to fiber
reorientation [223].

Figure 4.3: (a) A photograph of a Teflon mould filled with a sample, with pieces of Velcro (black)
embedded in the gel on both ends, to enable clamping in the tensile tester. (b) A fibrin gel clamped
in a tensile tester. Two markings have been made with graphite powder to track the deformation
of the gel.
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Figure 4.4: Measurements of the force F exerted by the fibrin gels as a function of imposed elongation, L −10.0 with 10.0 the initial separation of the clamps, on three independently prepared fibrin
gels with fibrin concentrations of 4 mg/ml. Inset: a zoom-in of the initial deformation, where the
force response shows that the sample extension only starts once L reaches a finite value. L 0 is
indicated by the arrow.
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Figure 4.5: Volume change of fibrin gels during extension. (a) A series of photographs of a gel
under increasing extensile deformations, with the gel strain γ(%) indicated in the corner of each
photograph. (b) The change in relative volume f with strain γ for 3 independent data sets of
4 mg/ml fibrin gels. We fit the relative gel volume with a linear regime until 18% strain, and a
regime where the gel volume exponentially decreases at higher strains. In the determination of
the relative volume, a single camera was used to record the change in sample thickness for the
black and dark grey squares, with the assumption in the calculation of the volume change that
the sample shrank identically in width and thickness. The light grey data set was obtained with
two cameras, tracking the shrinkage of both the width and the thickness. We find good agreement
between the 3 data sets, indicating that the sample indeed shrinks isotropically in cross-section.
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4.3.3. R HEOLOGY

4

Rheological experiments were performed using a Kinexus rheometer (Kinexus pro+, Malvern,
United Kingdom) equipped with a 40 mm stainless steel cone-plate geometry with a 1°
angle. For rheology on des-αC fibrinogen we used a 20 mm stainless steel cone-plate
geometry with a 1° angle, due to the scarcity of des-αC fibrinogen (requiring 40 µl versus
300 µl of sample for a 40 mm diameter cone-plate geometry). After initiation of fibrin polymerization, we transferred the solution to the bottom plate of the rheometer
and lowered the top plate. During polymerization, the temperature was kept constant
at 37°C, and solvent evaporation was prevented by adding a layer of mineral oil (M3516,
Sigma Aldrich) on the liquid-air interface. We checked that the oil layer did not influence
the mechanical behaviour of the networks by comparing experiments in the absence
and presence of an oil layer. We found insignificant differences between the mechanical
response of samples with and without oil, falling within the variability between repeat
measurements. Given the long duration of many of the rheology experiments, we chose
to include the application of mineral oil in the protocol since it is the most robust way to
prevent evaporation over long time scales.
During polymerization, we continuously measured the shear modulus, to verify that
there was no solvent evaporation or other disturbances of the sample. To this end, we applied a small oscillatory shear strain with an amplitude of 0.5% and a frequency of 0.5 Hz,
and measured the shear stress response. Polymerization was complete after 2 hours, as
indicated by a time-independent shear modulus. We measured the mechanical response
to increasing levels of stress by applying a constant shear stress, superimposed with an
oscillatory shear stress with an amplitude of 0.1 times the constant shear stress and a
frequency of 0.5 Hz. We then increased both the constant and oscillatory stress level, to
maintain their 10-to-1 ratio, until the sample broke. As the applied oscillatory stress is
small compared to the total stress on the network, we calculate the differential modulus
K = δσ
δγ , with δσ the applied amplitude of the oscillatory stress, and δγ the measured
amplitude of the oscillatory strain. We chose this prestress protocol rather than largeamplitude oscillatory measurements (LAOS) that measure G = ∆σ
∆γ , as for materials with
a nonlinear mechanical response, the differential elastic modulus more accurately describes the material behaviour [224, 225].

4.3.4. C ONFOCAL RHEOLOGY
In order to characterize the network response to an applied shear strain, we use a homebuilt setup, consisting of a spinning disc confocal microscope (a Leica DM IRB inverted
microscope with a 100x oil objective, a Yokogawa CSU-22 spinning disk, and a Hamamatsu EM-CCD C9100 camera) with a rheometer head (Anton Paar DSR 301) on top.
There are several design considerations for confocal rheometry [34, 89, 226–231]. We
chose to use a parallel plate measurement geometry instead of a cone-plate system. Parallel plates have the advantage that the measurement is relatively insensitive to inaccuracies in the gap distance, but require careful measurement of the objective position
relative to the rheometer geometry since the strain increases with radial distance from
the center. We furthermore chose rotational rheometry over translating parallel plates
[232, 233], because rotational rheometry can more readily access large shear strains.
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A fibrin gel spiked with 10 mole% of fluorescently labelled monomers is polymerized in between a glass coverslip and a 20 mm diameter stainless-steel plate; the latter
attached to the rheometer. The separation between the plate and the coverslip can be
manually adjusted by a micrometer screw that lowers/lifts the rheometer head. The microscope objective is situated underneath the glass coverslip, such that the center of the
objective is located half way the center and the edge of the rotating top plate. A layer of
low-viscosity mineral oil (M3516, Sigma Aldrich) is applied at the sample-air interface.
The polymerization is monitored by an oscillation with amplitude 0.5% and frequency
0.5 Hz. Polymerization takes place at room temperature (approx. 22°C) for at least 2
hours.
To track individual fibers in the 3D fiber matrix, we use an open source software
package called SOAX [234]. In short, first small segments are detected based on a local intensity maximum and a gradient. These segments are stretched and connected to
neighbouring segments, if the “energy penalty” for bending and stretching the segments
permits. Finally, junctions are identified where fibers intersect. The first step in optimizing the parameters for initialization and evolution is done empirically. To fine-tune
the parameters, we use the option in SOAX to systematically scan a range of parameters, where each parameter set is evaluated based on a function that penalises segments
with a low signal to noise. To avoid interpolation errors during segment initialization,
we set the z spacing of the confocal images during acquisition equal to the x y-spacing
(0.16 µm).
The output of the software is a list of tracked filaments, with two angles θ and φ characterizing the orientation of each filament. With this orientation, we calculate the nematic order parameter for every image. We elaborate in Section 4.3.6 on the calculation
of the order parameter.

4.3.5. S MALL A NGLE X- RAY S CATTERING
E XPERIMENTAL PROCEDURE
Small Angle X-ray Scattering (SAXS) experiments were performed at the DUBBLE BM26B
beamline at the ESRF (European Synchrotron Radiation Facility) in Grenoble, France.
The energy of the x-rays was 12 keV, corresponding to a wavelength of 1.0×10−10 m. The
sample-to-detector distance was adjustable; for our experiment we choose a distance of
3 m to optimally access the relevant q-range possible with this setup.
A Pilatus 1M detector (169 mm x 179 mm active area) [235] was used to collect SAXS
images. The specified beam dimensions are 300 x 300 µm. A beamstop is placed in between the sample and detector to block the unscattered X-ray beam, in order to prevent
overexposure and damage of the detector. Both the beamstop and its holder can be seen
in Figure 4.6a in a so-called mask image: a binary image where all pixels that are not
suitable for analysis are indicated in black. As the detector used in our measurements
consists of multiple panels, the space in between the panels is also visible in, and needs
to be removed by the mask image. Determination of the center position of scattering
images, as well as calibration of the wavevectors, was done with a sample of AgBe (silver
behenate) powder (see Figure 4.6b).
Measurements of undeformed fibrin gels were performed by pipetting the assem-
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bling fibrin network in a thin glass capillary (borosilicate glass capillaries with 10 µm
wall thickness, Hilgenberg, Germany), using a 120 mm needle. An oven was used to
maintain a 37°C environment during polymerization; the capillaries were sealed off with
grease to prevent evaporation. As background for the capillary measurements we used a
capillary filled with assembly buffer.
Measurements of fibrin gels under a shear deformation were performed by polymerizing the fibrin sample in a home-built polycarbonate Couette cell attached to a TA HR2
rheometer (during beamtime proposal BM26-02-797, 2016) or an Anton Paar MCR501
rheometer (during beamtime proposals BM26-02-857, 2017 and SC-4789, 2018). The
rheometer’s Peltier cell maintained a constant temperature (37°C) during assembly. A
schematic representation of the Couette cell, as well as a picture of the Couette cell in
the actual setup, is shown in Figure 4.7. The Couette is designed such that the outer wall
is stationary, and the inner cylinder is attached to the rheometer spindle and rotates.
During rheology experiments, a background image of the assembly buffer was taken for
60 s prior to every measurement. For the fibrin samples, the acquisition time was 45 s per
strain step. No visual damage from the high-energy radiation to the sample was observed
during the SAXS measurements. Figure 4.19 shows the mechanical loading protocol as
used during the beamtime proposal BM26-02-857 (2017) measurements.
Measurements of a fibrin gel under an extensile deformation was performed by polymerizing the fibrin sample as described in Section 4.3.2, with two pieces of Velcro embedded in the gel on both ends. A Linkam TST350 tensile tester (Linkam Scientific Instruments, Tadworth, United Kingdom), equipped with a 20N-loadcell was placed in the
beam path. After polymerization, the fibrin gel was placed in the tensile tester by clamping the Velcro at the two ends. The acquisition time was 20 s per image, at 6 positions
per strain step. During analysis, the average was taken of the 6 positions per strain step.
In between measurements the strain was increased, at a pulling speed of 7 µm/s. Assembly buffer was added every second strain step to prevent solvent evaporation. The
background was taken by 60 s exposure of a capillary filled with assembly buffer.

a

b

Figure 4.6: (a) The mask used to filter out the beamstop and bands in between the panels on
the detector. Black pixels are removed from the scattering data during analysis. (b) AgBe sample
used for calibration of the wavevector and determination of the center position. The first three
scattering orders are clearly visible, and are used all three to determine the position of the X-ray
beam and to calibrate the q-range.

4.3. M ATERIALS AND M ETHODS

81

a

b

Figure 4.7: (a) Schematic representation of the Couette cell. A shear deformation is exerted on
the sample as the inner cylinder rotates, while the outer cylinder remains stationary. The X-ray
beam passes through the sample; unscattered light is stopped by the beamstop while scattered
light reaches the detector. (b) A picture of the Couette cell at the beamline. The top right arrow
indicates the inner cylinder, attached to the rheometer; the bottom left arrow indicates the outer
cylinder placed next to its holder (indicated by the bottom right arrow), which is connected to the
Peltier element for temperature control. The scale bar is approximately 5 cm.

SAXS ANALYSIS : PROCESSING RAW IMAGES
We wrote a customized Python program to analyse the scattering images, based on the
following procedure. First, the bands in between the detector panels and the beamstop
are removed by the application of a binary mask (shown in Figure 4.6a; all black pixels
are removed in the scattering image). From the .poni file, a file created from the AgBe
calibration image that contains meta-data of the experimental conditions, we obtained
the detector pixel size, the X-ray wavelength, the sample-to-detector distance and the
center of the beam on the detector
(x 0 , y 0 ). For every pixel in the scattering image, we
p
y−y
calculated the distance d = (x − x 0 )2 + (y − y 0 )2 and the angle φ = atan( x−x00 ) to the
center. We subtracted the background according to Equation 4.2 (see also Supplementary Section 4.A):
I s+bg (q x , q y ) I bg (q x , q y )
I s (q x , q y ) =
−
∗ Abs
(4.2)
I 0,s+bg
I 0,bg
where I s (q x , q y ), I s+bg (q x , q y ) and I bg (q x , q y ) are the scattering intensity of the fibrin
sample, the (measured) sum of the fibrin and background and the (measured) background, respectively, and Abs is the difference in absorption between the sample and
the background:
Abs =

I 0,s+bg
I 0,bg
moni t or s+bg
moni t or bg

(4.3)

where I 0 and moni t or for both the sample and the background are obtained from a pindiode integrated in the lead beamstop, and are saved in the metadata of every scattering
image. To convert distances in pixels to wavenumbers (q (nm−1 )), we use the following
formula:

4

82

4. C ONNECTING FIBRIN ’ S STRUCTURE AND MECHANICS BY A MULTISCALE APPROACH

4π sin(
q=

4

l ∗l pi xel
2l SD

)

λ

(4.4)

where l is a length in pixel, l pi xel = 172 µm the size of an individual pixel, l SD the sampleto-detector distance (approximately 3 m) and λ the wavelength of the X-rays.
Figure 4.8 shows the scattering images of a 4 mg/ml fibrin sample without background subtraction (panel a), the measured background (panel b), and the sample with
background subtracted (panel c). Clearly the scattering signal from the fibrin network is
weak, requiring careful background subtraction [216].
Radial integration of the scattering intensity is performed by taking the average value
of all pixels that fall in a distance bin size with a width of 1 pixel. As shown in Figure 4.8d,
the background-subtracted scattering intensity of the fibrin network is approximately
a factor 3 lower than the total measured intensity. At high q-values, the scattering intensity from the sample becomes nearly identical to that of the background, so small
fluctuations (e.g. read-out noise) can cause the background-subtracted sample to show
negative intensities in individual pixels.
Azimuthal integration is performed by averaging all pixels within a specified q-range
of 47.0 nm to 102 nm, with a bin size with a width of θ = 2°. The lower limit is set by
the limitation that we do not want to take the Bragg peak originating from the molecular
packing order into account, the upper limit is set by the lowest q-value we can access.
The azimuthal integration region is shown in Figure 4.9a. We verified that using this qrange we do not include the panel boundaries in the azimuthal integration. A slice of
θ = 40° is left out at the top to avoid the holder of the beamstop.
SAXS ANALYSIS : B RAGG SCATTERING PEAK
To determine the position of the Bragg-peak resulting from the periodic axial packing
structure of fibrin fibers, we first need to subtract the slope of the scattered intensity that
is convoluted with the Bragg peak. We consider three approaches to obtain the scattering
peak:
1. Fitting the data to a function of the form
y(x) =

1
a ∗x +b

(4.5)

with a and b fit parameters, and subtracting the fitted curve from the data.
2. Applying a Gaussian filter with a large width on the data, subtracting it from the
data that has been smoothened with a Gaussian filter with a small width.
3. Applying a filter of the derivative of a Gaussian with a large width to obtain the local
slope, subtracting it from the data that has been smoothened with a Gaussian filter
with a small width.
The first method, involving a fitting routine, is similar to the approach of [31] and [236],
using respectively an exponential and a sixth-order polynomial; the advantage of the
function in Eq. 4.5 is that only two fitting variables are involved. The clear disadvantage
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Figure 4.8: SAXS patterns. (a) Scattering patterns recorded for a 4 mg/ml fibrin sample, (b) for the
buffer background, and (c) the background-subtracted image. After background subtraction, the
first order scattering ring is (dimly) visible around the beamstop, as indicated by the black arrow.
The spacings between the panels and the beamstop are visible in the images, but are removed
during data processing. Data is shown on a logarithmic scale, in arbitrary units. (d) Radially integrated scattering intensity I as a function of wavevector q. The total scattering intensity for a a
4 mg/ml fibrin sample is shown in black, the background in red, and the background-subtracted
intensity where only the scattering from the fibrin remains in blue.
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a

b

q1
q2

4

Figure 4.9: (a) The azimuthal integration area. The q-range of the yellow ring runs from
0.062 nm−1 nm to 0.13−1 nm, corresponding to distances of 102 nm to 47 nm. A segment of 40°
has been left out at the top, to avoid the holder of the beamstop. The spacing between the detector
panels is visible as the horizontal and vertical band. Dimly, the first scattering order of the fibrin
gel is visible. (b) As input for the asymmetry factor (Equation 4.7), we divide the azimuthal integration area into an equal-sized horizontal quadrant q 1 and vertical quadrant q 2 and take the sum
of the scattering intensities in each quadrant.

of the first method is the lack of filtering of high-frequency noise. In the second and third
approach, it is essential to choose the first filtering step (basically a low-pass filter) such
that the Bragg peak is not conserved, while the role of the second filtering step is to only
remove high-frequency noise, without smoothing the Bragg peak. To this end, we choose
a width of σ = 1 (in units of pixel width on the detector, corresponding to approximately
q = 0.0034 nm−1 at this q-range) to filter out the high-frequency noise. We chose the
third method over the second method as it better describes the non-Bragg scattering:
the baseline of the data-subtracted Bragg peak is flat with the third filtering method,
but contains a slight inclination with the second filtering method. In Figure 4.10a the
raw data is shown, together with the data filtered with a Gaussian, for a 4 mg/ml fibrin
sample.
The scattering peak we obtain by this method is shown in Figure 4.10b. We fit this
peak to an analytical function to quantify its shape. In literature several functions are
used to describe a Bragg peak: Gaussian, Lorentzian, Voight, pseudo-Voight, or Pearson
VII [237]. Only in the case of a perfect lattice where broadening is only due to resolution
limits, the peak is a Gaussian, whereas when sample disorder contributes, an exponentially modified Gaussian should be used [238]. However, because of low signals in our
experiment, we cannot distinguish the exact shape, hence we still use a Gaussian function to characterize the peak rather than a Voight function (convolution of a Gaussian
with a Lorentzian) or an exponentially modified Gaussian since the latter two have 5
rather than 4 free variables. We chose to use a Gaussian rather than Lorentzian function
because of the slightly lower residual squares value of a Gaussian function. Furthermore,
this has also been the function of choice in an earlier SAXS study of fibrin [31]. The Gaussian function has the form
y(x) = ae

−

(x−x 0 )2
2σ2

+b

(4.6)
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with a the peak height, x 0 the peak center, σ the standard deviation and b the offset.
We
p calculate the Full Width Half Maximum (FWHM) of the scattering peak as FWHM =
2 2l og (2)σ.
4
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Figure 4.10: Quantitative analysis of the Bragg scattering peak. The sample is a 4 mg/ml fibrin gel
under 0% applied strain. (a) The data (black line) is filtered with a Gaussian with a small width (red
line). For clarity, the curves have been shifted along the y-axis. (b) Subtraction of the filtered data
with the slope of the scattering curve, which was obtained by multiplying q with the derivative of
a Gaussian with a large width (black line), and a fit with a Gaussian function (red line, Eq. 4.6). The
fitting range runs from 24.0 nm−1 to 32.4 nm−1 and is chosen such that the Bragg scattering peak
is approximately centered in the middle of the fitting range, with approximately one peak width
extra on either side.

SAXS ANALYSIS : PATTERN ANISOTROPY UNDER STRAIN
Macroscopic shearing is expected to cause fiber alignment along the principal strain direction, as sketched in Figure 4.11. We apply shear by moving the inner cylinder of a
Couette cell while keeping the outer cylinder stationary. The resulting strain field in the
φ-plane, set by the spacing between the two cylinder walls, will change the projected
length of the filaments both on the φ-plane and on the θ-plane, defined by the surfaces
of the cylinders.1 The X-ray beam passes perpendicularly through the surfaces of the
Couette cell, so the scattering image captures the projection on the θ-plane.
To quantify the anisotropy from the scattering patterns we used two methods. In the
first method we obtain the nematic order parameter from fitting an Orientational Distribution Function [240] to the azimuthally integrated scattered intensity as a function of
φ (see Figure 4.12 and Section 4.3.6). In the second method we quantify the asymmetry
of the scattering pattern from the ratio between the intensities of a horizontal quadrant
and a vertical quadrant according to Equation 4.7:
A as ym =

I1 − I2
I1 + I2

(4.7)

We use the same q-range in both cases (see Figure 4.9b). The first method has the advantage of permitting a quantitative comparison of shear-induced order with literature,
1 This similar to how e.g. a collection of randomly oriented dipoles will emit light in all directions,

while a set of aligned dipoles emits only in a well-defined direction [239].
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while the second method has the advantage of being model-independent and being applicable to samples at low strain that lack clearly distinguishable peaks in the orientational distribution. However, the disadvantage of the first method is a large uncertainty in the fit at negligible anisotropy, and the downside of the second method is that
A as ym is more sensitive to the background subtraction procedure than the nematic order parameter, which translates into a larger sample-to-sample variability. Even a small,
isotropic deviation δ in the background intensity can result in a substantial change in
the background-corrected asymmetry factor, A as ym :
A as ym =

4

I1 − I2
I1 − I2
(I 1 + δ) − (I 2 + δ)
=
≈
(I 1 + δ) + (I 2 + δ) I 1 + I 2 + 2δ
2δ

(4.8)

which, independently of the difference between I 1 and I 2 , will result in |A as ym | ¿ 1.
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Figure 4.11: Schematic representation of the geometry of the combined SAXS-rheometry experiments and the effect of shear-induced alignment on the degree of anisotropy observed in the
scattering image. (a) A single filament (dark grey) is sketched within an undeformed network (not
shown). Its projection on the φ- and θ-plane is shown in blue and red, respectively. (b) As a shear
strain (grey horizontal arrow) is applied in the φ-plane using a Couette cell (the inset shows a
zoomed-out, top view of the Couette cell), the filament stretches and aligns to the direction of
principal strain. This reorientation also affects the projected length (red dashed line) on the θplane, which is the plane that is imaged through X-ray scattering.
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Figure 4.12: Quantifying shear-induced alignment of the fibers by fitting the azimuthally integrated scattering intensity with an ODF. (a) The background-subtracted scattering image for a
4 mg/ml fibrin gel under 189% applied shear strain, showing clear anisotropy. Dimly, the first
scattering order appears near the center of the image. (b) The azimuthally integrated intensity
I (symbols) together with a fit to Equation 4.20 (line), using fit parameters a 1 , a 2 , a 3 and m as
indicated. Data shown are in arbitrary units. Data in (a) is shown on a logarithmic scale.

4.3.6. N EMATIC ORDER PARAMETER
The nematic order parameter S was calculated using an approach originally developed
to quantify liquid crystal formation of semiflexible fd virus rods [241] and actin filaments
[240]. We start with an expression for the Orientational Distribution Function (ODF)
[240]:
2
Φ(θ) = Ae m cos(θ)
(4.9)
where A is a normalization constant. We determine the normalization constant A by
integrating Φ(θ) over a solid angle d Ω
Φ(θ) =

2π Z π

Z
0

= 2πA

Z0 π
0

2πA
=p
m

Z

2πA
=p
m

Z

0

2
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2

e m cos(θ) sin(θ)d θ

π
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e(

p
m cos(π)

p
m cos(0)

2π3/2 A 1
= p
p
m
π
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= p
p
m
π
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(−1)d m cos(θ)
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e x (−1)d x
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− m

p
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Z pm

2

e x (−1)d x
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(4.10)
(4.11)
(4.12)
(4.13)
(4.14)
(4.15)

p
2π3/2 A
= p
erfi( m)
m

(4.16)

=1

(4.17)
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Rx
2
using the imaginary error function2 erfi(x) = p1π x e −t d t , d cos(θ)
= − sin(θ), and changdθ
p
ing variables d m cos θ = d x, changing the integration boundaries accordingly. Hence,

A=

p
m

p
2π3/2 erfi( m)

(4.18)

so that
Φ(θ) =

p
2
m e m cos(θ)
p
2π3/2 erfi( m)

(4.19)

We then add the fit parameters a 1 , a 2 and a 3

Φ(θ) = a 1

p
2
m e m cos(θ−a3 )
+ a2
p
2π3/2 erfi( m)

4
(4.20)

We then fit Equation 4.20 to the azimuthally integrated scattering intensity (see Figure
4.12), where a 1 and m are free parameters, a 2 is set to the maximum of the lowest 10% of
the intensity values and a 3 is π/2, as we expect fiber alignment in the horizontal direction
(see Figure 4.7, where θ = 0 corresponds to up-down alignment and θ = π/2 to left-right
alignment). To obtain the nematic order parameter S from the ODF we start with the
expression used in Ref. [241], following a similar procedure as in the derivation starting
at Equation 4.10, and where 32 cos2 (θ) − 12 is used as the form factor of a single rod.
πµ3

¶
1
Φ(θ)d cos(θ)
2
2
0
¶ p m cos(θ)2
Z πµ
1
3
me
2
= 2π
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2 Despite its name, the imaginary error function is real when x is real.
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To integrate

R pm

p x2e x
− m

2

R
R
d x we use integration by parts3 ( u d v = u v − v d u):
Z

p
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2 x2
p x e dx
− m
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p x(2xe
− m

(4.28)
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so that our expression for S finally becomes
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(4.30)
(4.31)

(4.32)
(4.33)
(4.34)

4.3.7. S IMULATIONS OF AFFINE DEFORMATIONS ON RANDOMLY ORIENTED
RODS

To benchmark the development of shear-induced alignment in fibrin networks, we calculate the affine effect of deformation on an initially isotropic network using simulations
of initially random ensembles of rigid, elastic rods. Each rod has a fixed initial length of
r = 1, and is further characterized by one or two random angles, for a two or three dimensional simulation, respectively. We retrieve Cartesian coordinates {x, y}
x = r cos(φ)
y = r sin(φ)
for two dimensional systems, and {x, y, z}
x = r sin(θ) cos(φ)
y = r sin(θ) sin(φ)
z = r cos(θ)
for three dimensional systems. We generate a sufficiently large number of rods (100,000)
to obtain a statistically significant ensemble average, and apply strain in small steps of
0.01. The deformation matrices Ds,2D and Ds,3D for simple shear in 2 and 3 dimensions,
respectively, are:


µ
¶
1 γ 0
1 γ
Ds,2D =
, Ds,3D = 0 1 0
(4.35)
0 1
0 0 1
3 Contrary to popular believe, this is a useful technique!

4.3. M ATERIALS AND M ETHODS

91

For extension (and compression, which is extension with negative strain values), we
show here the deformation matrices for two simple cases: first, extension where the total
volume of the system is conserved, De,2D and De,3D :


1+γ
0
0
¶
µ
1
 0
1+γ
0
p
0 

, De,3D = 
(4.36)
De,2D =
1+γ
1


0
1
1+γ
p
0
0
1+γ

such that at any strain the product of (1 + γ) × p 1

1+γ

× p1

1+γ

= 1; and second, extension

without volume conservation, where there is only deformation in the direction of strain
and no lateral expansion or compression, De,2D and De,3D :


µ
¶
1+γ 0 0
1+γ 0
1 0
De,2D =
, De,3D =  0
(4.37)
0
1
0
0 1
However, not all systems under extensile strain can be described by these deformation matrices. Some systems will show intermediate behaviour, potentially with a straindependent volume reduction (see for example Figure 4.5). The general solution for an
arbitrary volume change in response to an uniaxial extensile strain γ is as follows. We
first write down the volume of the system before (V ) and after (V 0 ) deformation:
V = x ∗y ∗z
0

0

0

V = x ∗y ∗z

(4.38)
0

(4.39)

1
1
V 0 = x(1 + γ) ∗ y
∗z
a
(1 + γ)
(1 + γ)a
f ∗ V = x ∗ y ∗ z ∗ (1 + γ)(1−2a)

(4.40)
(4.41)

where f is the relative volume change and a an arbitrary exponent. The two special
(3D) cases of a = 0.5, and a = 0 correspond to the deformation matrices in Equation 4.36
and 4.37, where a = 0.5 leads to 1 − 2a = 0 so that the volume does not change under
1
extension (Eq. 4.36), and a = 0, such that (1+γ)
a = 1, so that the y and z dimensions are
unaffected by extension (and hence V grows linearly with strain). The general expression
for a deformation matrix under extension is:


µ
¶
1+γ
0
0
1+γ
0

(1 + γ)−a
0
De,2D =
, De,3D =  0
(4.42)
0
(1 + γ)−a
0
0
(1 + γ)−a
We can obtain the value of a (which can depend on γ), given that we know f and γ:
f = (1 + γ)(1−2a)
(1−2a)

(4.43)

log f = log (1 + γ)

(4.44)

log f = log (1 + γ) − 2a log (1 + γ)

(4.45)

log (1 + γ) − log f
a=
2 log (1 + γ)

(4.46)
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After a deformation matrix is applied to a filament, we re-calculate its length and
orientation. To quantify the (average) orientation in the deformed network, we calculate
the nematic order parameter S [242], starting from the tensor order parameter Q:
Q=

1 X
d ∗ uˆi uˆj − δi , j
d −1

(4.47)

with d the dimensionality of the system, and δi , j the Kronecker delta function that is 1
when i = j and 0 otherwise. For three dimensions4 ,


3 sin(θ)2 cos(φ)2 − 1
3 sin(θ)2 cos(φ) sin(φ) 3 cos(θ) sin(θ) cos(φ)
1
2
2
2
3 sin(θ) cos(φ) sin(φ)
3 sin(θ) sin(φ) − 1
3 cos(θ) sin(θ) sin(φ)  (4.48)
Q=
2
3 cos(θ) sin(θ) cos(φ)
3 cos(θ) sin(θ) sin(φ)
3 cos(θ)2 − 1

4

However, this expression requires knowledge of the preferred alignment in the system,
and that Q aligns along that direction. By quadratically summing all terms and taking
the square root, we can obtain the nematic order parameter, invariant to the orientation
of the strain:
r q
2
S=
〈u 1 u 1 〉2 + 〈u 1 u 2 〉2 + 〈u 1 u 3 〉2 + 〈u 2 u 1 〉2 + 〈u 2 u 2 〉2 + 〈u 2 u 3 〉2 +
3
〈u 3 u 1 〉2 + 〈u 3 u 2 〉2 + 〈u 3 u 3 〉2

(4.49)

q

where a factor 23 has been added to normalize S, such that S equals zero for a perfectly
isotropic system and one for a perfectly aligned system. We write Equation 4.49 out and
simplify the terms:
r µ
2 1
1
1
S=
〈3 sin(θ)2 cos(φ)2 − 1〉2 + 〈3 sin(θ)2 sin(φ)2 − 1〉2 + 〈3 cos(θ)2 − 1〉2 +
3 4
4
4
¶
9
9
9
2
2
2
〈cos(θ) sin(θ) cos(φ)〉 + 〈cos(θ) sin(θ) sin(φ)〉 + 〈sin(θ) cos(φ) sin(φ)〉2
(4.50)
2
2
2
From this expression for S, we can already see two properties of the nematic order parameter. First, for an isotropic distribution of α, 〈cos(α)〉 = 0 and 〈cos(α)2 〉 = 21 , such that
the average of all off-diagonal terms and the sum of the average of the diagonal terms in
Equation 4.48 are zero, which we expect for a system where the filament orientation is
isotropic. Secondly, for a single value of θ and φ, Equation 4.50 equals 1, as we expect for
a single filament, or a collection of filaments with identical orientation. Furthermore, for
uˆz uˆz , we find Q = 32 cos(θ)2 − 12 , which is the second Legendre polynomial for cos(θ), in
agreement with previous work [242, 243].
The derivation for the two-dimensional nematic order parameter is similar to its
three-dimensional equivalent, yet (much) simpler, as the matrix in Equation 4.48 contains four rather than 9 terms. The final expression one obtains for S is as follows:
q
S = 〈2 cos(φ)2 − 1〉2 + 〈2 cos(φ) sin(φ)〉2
(4.51)
4 The expression for the nematic order parameter (Eq. 4.47) is mentioned in several works [242–

247], although how one exactly obtains an expression for S given a set of angles θ and φ is, to my
knowledge, not written down. I hope the reader finds this derivation educational.
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using the fact that 〈2 cos(φ)2 − 1〉2 and 〈2 sin(φ)2 − 1〉2 are identical for 0 < φ < 2π.
In Figure 4.13a the predicted order parameter is shown for 2D and 3D networks under simple shear. As we expect, the order parameter is zero in the absence of applied
strain, and increases asymptotically towards one as the strain reaches (very) high values
(> 500%, depending on the dimensionality). As the direction in which shear is applied
should not matter for an initially isotropic network, the order parameter should be symmetric around zero strain, which is indeed observed. Furthermore, these results are in
full agreement with results presented in literature [246].
Unlike shear deformations, which are intrinsically volume conserving, extensile deformations do not necessarily conserve volume. The nematic order parameter for a system with volume conservation (a Poisson ratio5 of 0.5, typical for most simple, elastic
materials), for both 2D (α = 1) and 3D (α = 0.5), is shown in Figure 4.13b. Unlike shear,
there is no symmetry around zero strain: while shear and positive extension can (at least
in theory) reach arbitrarily large values, negative extension (i.e. compression) has a maximum strain value of -1, where the system is fully flattened. This indeed leads to an order
parameter of 1.0 in the case of a 2D system, and 0.5 for a 3D system, where there is still
orientational freedom in the plane orthogonal to the compressive deformation. Similar
to shear deformation, the order parameter approaches 1 more quickly for 2D networks
than for 3D network at large, positive strains. Shrinking boundaries in the directions
orthogonal to the deformation (volume conservation) lead to a more rapid approach of
S = 1 than a system where the boundaries in the directions orthogonal to the deformation do not change: the aspect ratio, the ratio between the length (direction of strain)
and the width, grows with (1 + γ)2 in a system with volume conservation, and with 1 + γ
in a system without volume conservation, both in 2D and 3D.

b
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2D, volume conserving
3D, volume conserving
2D, fixed orthogonal boundary
3D, fixed orthogonal boundaries
3D, fibrin-like
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Figure 4.13: The nematic order parameter S as a function of applied strain (γshear and γext ensi on
for shear and extension, respectively) for an ensemble of 100,000 (independent) filaments. (a)
Networks subjected to a shear deformation, in two and three dimensions. (b) Networks subjected
to an extension, in two and three dimensions: with volume conservation; for a system where the
boundaries are fixed in the direction(s) orthogonal to the direction of strain; and for a system that
changes its volume similar to a fibrin network (fibrin-like), calculated by the measured volume
decrease of fibrin gels under extension, as shown in Figure 4.5.

In Figure 4.14a and b the probability function is shown for the φ-coordinate for a 3D
5 Note that a Poisson ratio is only defined for an infinitesimal deformation.
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system of filaments under shear and extensile deformation, both in volume-conserving
conditions. At zero strain, the probability function for φ is flat and identical for shear
and extension. As the shear angle changes with increasing strain, the peak position of
the probability function shifts for increasing strain levels, and increases in intensity. On
the other hand, for extension, the direction of deformation remains the same, hence we
only see an increase in intensity, but no change in peak position. Finally, as we expect for
the φ-coordinate, the probability function is periodic with a shift of π, as a filament with
length (x i , y i ) is identical to a filament with length (−x i , −y i ).6 In Figure 4.14c and d the
probability function is shown for the same systems, but now for the θ-coordinate. For θ,
the probability distribution at γ = 0% behaves as a cosine function, with a peak developing at θ = π/2 as strain increases, indicating alignment towards the φ-plane. A schematic
representation of the alignment of filaments in the φ- and θ-direction is shown in Figure
4.11.
In Figure 4.14e and f the probability function is shown for still the same systems, but
now for the length of the filaments. At zero strain, this is a single spike at l = 1, but as
strain increases, the distribution broadens. For both shear and extension, we see that
there is not only a population of filaments that is extended, but also a population of
filaments that is compressed as the filaments are oriented orthogonal to the direction of
strain. Interestingly, the maximum strain a filament can experience is the global strain
in the case of an extension, but as the strain orientation changes during shear, some
individual filaments experience a higher strain than the global shear strain. In the insets
in Figure 4.14e and f, the fraction of the filament population that is under compression,
extension up to 100% and extension of more than 100% is shown. Even for 300% applied
shear or extensile strain, approximately 20% of the filaments are still under compression.
Finally, the reason why P (φ) in Figure 4.14 is flat while P (θ) behaves as a cosine at 0%
strain, comes from the definition of solid angle d Ω = sin(θ)d φd θ. However, the choice
of angle definitions is arbitrary. We can change our definition such that, for an equal
distribution of filaments, θ runs from 0 to 2π, without the cosine-term7 . This is shown
in Figure 4.15. The reason for choosing this definition of angles is because this is the
projection seen by the SAXS-detector.

6 Alternative way of viewing this: rotate a stick 180° and it’ll point in the same direction.
7 This is analogous of replacing earth’s North and South pole with a West pole in Ecuador and an

East pole in Malaysia, with the equator now running over both artics. Earth’s surface itself does
not change by this transformation, only the way it is described in terms of longitude and latitude.
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Figure 4.14: (Normalized) probability function P for the φ-projection of a 3D ensemble of filaments under shear (a) or extension deformation under volume conservation conditions deformation (b), with increasing applied deformation γ. (c) and (d) show the probability function for the
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4.4.1. S TRAIN - INDUCED FIBER ALIGNMENT
In Figure 4.16 we show the background-subtracted scattering images of a 4 mg/ml fibrin
gel under 0%, 100% and 300% applied strain, and 0% strain after a maximum of 300%
strain had been applied. We observe a ring around the beamstop, corresponding to the
first scattering order (Bragg peak). As strain increases, we observe that anisotropy develops in the scattering image, and that the Bragg peak decreases in intensity. However,
both changes are reversible upon removal of the applied strain.
To quantify the change from an isotropic to a anisotropic scattering pattern, we azimuthally integrated the scattering patterns of Figure 4.16, shown in Figure 4.17a. We
observe, in line with what the scattering images show, an onset of alignment around
100% applied shear strain, strong anisotropy at 300% strain, and a complete reversibility
of fiber alignment back to isotropy upon return to 0% strain. In the same panel, in black
lines, is the prediction from a simulation of an initially random ensemble of rigid, elastic
rods, undergoing an affine shear deformation (see also Figure 4.15). For the 300% data
set, the width of the curve appears to be slightly smaller than for the data, indicating
a slightly lower alignment than expected based on affine deformation (see also 4.17b).
However, overall, the shape of the azimuthally integrated intensity can be very well described by a model of affine deformation.
By fitting the azimuthally integrated data, we determined the nematic order parameter. The q-range where we analysed the data corresponds to spatial lengths of 49.7 nm
to 102 nm. The nematic order parameter for fibrin gels under shear deformation is
shown in Figure 4.17b, together with the order parameter that is calculated with a model
of affine deformation. We observe that the measured and calculated order parameter
agree remarkably well up to approximately 100% shear strain, indicating that the fibrin
network deforms affinely up to this strain level. The non-zero order parameter at zero
strain is due to the large uncertainty in the fit at zero anisotropy. Above 100% strain, the
measured order parameter increases more slowly than the calculated order parameter,
suggesting that non-affinity starts to play a role.
An alternative, more direct approach of quantifying anisotropy in the scattering image, that does not involve a fitting procedure, is by taking the ratio in intensity in the SAXS
pattern between the direction of deformation and the direction orthogonal to deformation (Equation 4.7 and Figure 4.9b). This anisotropy factor A as ym is shown in Figure 4.18,
together with the affine prediction for fiber orientation in the θ-plane (see Figure 4.11).
We observe that A as ym increases more slowly with increasing strain than the nematic
order parameter, yet for both, the data follow the theoretical prediction up to approximately 100% applied strain. The inset shows the asymmetry factor A as ym when the
sample is returned to 0% strain, as a function of the maximum applied strain γmax . We
observe, independent of the maximum applied strain, full return to an isotropic image.
In Figure 4.17b we also show the nematic order parameter, as determined from analysis of confocal rheology. Although the order parameter does not start at zero (possibly
due to finite size effects), we observe a trend, where the order parameter increases with
applied strain. The order parameter increases less than what would be expected for a
purely affine deformation.
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Figure 4.16: Background-subtracted scattering patterns of a 4 mg/ml fibrin gel under increasing
levels of shear strain (0%, 100% and 300%), and a return to 0% after the gel has experienced a maximum strain of 300%. The white bar corresponds to the panel edge, and the white dot and thread
to the beamstop and its holder. The first order scattering rings are indicated by black arrows. The
ring becomes weaker from 100% to 300%, and brighter again on return to 0%, where it is even
brighter than for the virgin sample.

Figure 4.17: (a) Azimuthally integrated intensities of the scattering patterns shown in Figure 4.16.
For clarity, the curves have been shifted along the y-axis. The anisotropy in the azimuthally integrated intensity that develops as a function of applied strain, is fully reversible upon removal of the
strain. The black curves are the prediction from a simulation of an initially random ensemble of
rigid, elastic rods, undergoing an affine shear deformation (Figure 4.15). The theory curves were
multiplied by a manually determined factor based on the 300%-curve. For clarity, the curves have
been shifted along the y-axis. (b) The nematic order parameter S, calculated from the azimuthally
integrated scattering intensity for a q-range of 0.062 to 0.13 nm−1 (see inset), as a function of applied strain γ, together with the nematic order parameter in a model for affine network deformation (black line), for two independently prepared samples. The grey stars show the nematic order
parameter for a 2 mg/ml fibrin gel, as determined from fiber orientation in confocal rheology.
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Figure 4.18: Anisotropy in scattering patterns calculated from the azimuthally integrated scattering intensity for a q-range of 0.062 to 0.13 nm−1 , corresponding to spatial structures of 102 to
49.7 nm (see inset bottom-right), for two independently prepared samples. The asymmetry factor
A as ym (Equation 4.7) as a function of applied strain, together with the prediction for a model of
affine deformation (black line). Inset top-left: The asymmetry factor A as ym when the sample is
returned to 0% strain, as a function of the maximum applied strain γmax , for two independent
data sets.

4.4.2. S TRAIN - INDUCED MONOMER LENGTHENING
To quantify the effect of network deformation on the monomer level, we perform radial integration of the scattering patterns shown in Figure 4.16. In Figure 4.20a we see
a decrease in scattering intensity with increasing q, as scattering by the fractal network
structure gives a power-law of the scattering intensity as a function of wave number. On
top of this trend, there are two peaks visible, around q = 0.3 nm−1 and q = 0.9 nm−1 , corresponding to the first and third order Bragg diffraction, respectively, and indicated by
arrows. Another arrow is placed at the q-value where we expect the fourth order peak,
although it is ambiguous whether it appears in the data. At increasing strain the first
order peak decreases in intensity, yet upon removal of the strain, the peak returns. The
second peak is missing altogether, see Section 4.4.2.
Figure 4.21a shows in more detail how the first order scattering peak in the backgroundsubtracted spectra develops with strain, obtained from integration in the quadrants of
the scattering spectra that are oriented in the direction of strain. Overlaid on the data are
curves of the data that have been convoluted with a Gaussian function, as used in the
analysis of the Bragg peak (see Section 4.3.5). These spectra show a small shift towards
smaller q-values, corresponding to an increase of the characteristic repeat length. Figure
4.21b shows the spectra taken at 0% applied strain, with a history of increasing maximum
applied strains. These spectra show larger shift towards higher q-values, which implies
a shortening of the real-space characteristic length compared to the original periodicity
in the virgin sample.
To further quantify the monomer response to applied strain, we applied a fitting pro-
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cedure to the first Bragg diffraction peak. We quantify the peak with three different parameters: the peak position q peak1 , which we associate with a repeat distance; the fullwidth half-maximum (FWHM) of the peak, which we associate with a distribution of
sizes in the repeat distance; and the peak height h, which we associate with the degree
of order of the periodic packing of the monomers. In Figure 4.22a, c and e, we show
these three parameters for two independent measurements on 4 mg/ml fibrin gels as a
function of applied strain, according to the protocol shown in Figure 4.19. The data are
obtained from analysis of the quadrants of the scattering spectra that are oriented in the
direction of strain, the horizontal quadrant q 1 in Figure 4.9. The value of the peak position, width and height of the virgin fibrin network is indicated by a dashed line in each
figure.
We observe that the monomer length starts to increase (corresponding to a decrease
in the q-value) at approximately 100% applied shear strain, and that the peak width
slightly increases in the same regime, indicating a growing spread in the repeat distances,
implying that not all fibrin monomers increase equally in length. The peak height decreases after this strain, indicating that there is a disruption of the spatial order.
Interestingly, we observe inelastic effects upon a return to the initial unstrained configuration. In Figure 4.22b, d and f we show the peak position, peak FWHM and peak
height at 0% applied strain, as a function of the maximum strain that the sample has
experienced. Although the FWHM shows no inelastic effect, the height of the peak increases and the position of the peak shifts to higher q-values with increasing maximum
strain. This implies that, upon removal of the strain, the characteristic repeat length
shortens with respect to the length of the virgin network, and that the axial packing order
is enhanced by stretching and relaxation. A possible explanation for the increase in peak
height is that the axial ordering of the fibrin protofibrils may be imperfect in the virgin
network, but can be enhanced by mechanically working the fiber.
In Supplementary Figure 4.3 we show the position of the first scattering peak q peak 1
measured in the direction perpendicular to the direction of strain, as a function of the
position of the first scattering peak in the direction of strain. We observe that during
application of a shear strain (i.e., when we expect the peak position to shift to a lower
q-value), that the monomer lengthening is stronger in the direction of strain, than orthogonal to the direction of strain. However, the shift to higher q-values after return
to 0% strain is equally strong for both directions, indicating that the repeat distance of
fibrin monomers is shortening equally in both directions.
In Supplementary Figure 4.5 we show the first order scattering peak position of fibrin gels measured during the 2017-beamtime session together with the peak position
of a fibrin gel measured during the 2018-beamtime session. The protocol for the 2018beamtime session did not include returns to zero strain, while the protocol for the 2017beamtime session did (Figure 4.19). Nevertheless, the shift of the Bragg peak follows the
same trend, supporting the notion that only the maximum applied strain is relevant for
the shortening for the characteristic repeat length.
M ISSING SCATTERING ORDERS
We find in the scattering spectra of fibrin gels at rest that the second order scattering
peak (at approximately q = 0.56 nm−1 ) is missing [193]. This is a so-called forbidden
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increasing values of the maximum applied strain γmax . For clarity, the curves have been shifted
along the y-axis. The grey dashed line indicates the peak position q peak 1 , obtained from fitting
the radially integrated scattering curve.

order, and arises from an effect caused by an extra scattering plane in between two scattering planes [216]. If the combination of the incident angle θ, the wavelength λ and the
separation between planes d is such that the difference in path length is an odd number
of wavelengths, then the difference in path length of the extra plane, located half-way the
top and bottom planes, is an odd number of half wavelengths. That means the scattered
light will be out of phase by half a wavelength of the bottom plane, and destructive interference occurs. If, however, the difference in path length between the top and bottom
plane is an even number of wavelengths, the difference in path length of the in-between
plane will be half the number of even wavelengths, which is still an integer number such
that scattered light will be in phase and constructive interference still occurs.
It has been shown before [209] that when fibrin is stretched above 50% extensile
strain, the lattice spacing is disrupted, and the destructive interference that suppresses
the second scattering peak no longer occurs. However, in our shear measurements, we
do not see the second order scattering peak appear even for shear strains up to 300%.
This can potentially be attributed to the lower signal in the shear experiment, due to a
low protein concentration (4 mg/ml versus 8 mg/ml), a shorter path length through the
fibrin gel (1 mm in the Couette cell, versus several mm through the free-hanging gel in
extensile experiments), or reduced alignment in shear experiments compared to extension (Figure 4.13a versus b).
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Figure 4.22: (a) Position of the first scattering peak q peak 1 , as a function of applied shear strain γ.
(b) Position of the first scattering peak when the sample is returned to 0% strain, as a function of
the maximum applied strain γmax . (c) Full-width half-maximum (FWHM) of the first scattering
peak F W H M peak 1 , as a function of applied strain. (d) FWHM of the first scattering peak when
the sample is returned to 0% strain, as a function of the maximum applied strain. (e) Height of
the first scattering peak h peak 1 , as a function of applied strain. (f ) Height of the first scattering
peak when the sample is returned to 0% strain, as a function of the maximum applied strain. The
dashed lines indicate the value of the peak position, FWHM and height of the virgin fibrin network,
and serve as a guide to compare changes in these parameters as a function of applied strain. Error
bars are obtained from the fitting routine.
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4.4.3. SAXS- RESPONSE OF FIBRIN UNDER EXTENSION

4

In Figure 4.23 we report the nematic order parameter, the asymmetry factor and the peak
position of an 8 mg/ml fibrin gel under extension, for comparison with the shear experiments. In Figure 4.23b and d we show respectively the nematic order parameter and
the asymmetry factor, together with the affine prediction, assuming a decrease in volume according to Figure 4.5. We observe with increasing strain, both in S and A as ym ,
an increase in the degree of fiber alignment, even exceeding the affine prediction. This
is potentially due to a stronger decrease in sample volume than what we observed in
Figure 4.5, which is caused by solvent evaporation due the long duration of the SAXS experiments. The finite value of S and A as ym at zero strain indicates that there is already
fiber alignment, likely due to mounting of the sample in the tensile tester. A as ym shows a
decrease at increasing strain, which we attribute to the fact that the sample gets thinner
and thus contains less scattering material in the cross-section of the X-ray beam. Yet the
background remains identical and thereby relatively grows in strength. Consequently,
Eq. 4.8 illustrates that this causes A as ym to decrease, irrespective of the alignment of the
fibers. Since the nematic order parameter relies on the shape of the azimuthally integrated data rather than the ratio of two magnitudes, S is unaffected.
In Figure 4.23c we show the position of the first scattering peak. The data are obtained from analysis of the quadrants of the scattering spectra that are oriented in the
direction of strain, the horizontal quadrant q 1 in Figure 4.9. Similar as to the shear experiments, the position of the scattering peak remains unchanged at low strain. At a
slightly lower strain, approximately 90% versus 100%, we start to observe a decrease in
the peak position, corresponding to an increase in the axial periodicity. At 110% extension, the highest strain we access, this corresponding increase of the axial periodicity is
0.3 nm, equal to the maximum shift we observe in shear. Unfortunately, the peak position could be determined of only a single sample, polymerized from fibrinogen that was
dialysed against fibrin buffer, containing 20 mM HEPES and 150 mM NaCl at a pH of
7.4. All other samples were assembled from fibrinogen that was not dialysed, and hence
contained the citrate that was present in the buffer of the supplier. As citrate complexes
with Ca2+ ions that are required for FXIII and thrombin activity, the presence of citrate
could lead to reduced protofibril-cross-linking and thereby fewer protofibrils per fiber,
and hence a weaker Bragg peak signal.
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Figure 4.23: Analysis of SAXS-patterns of an 8 mg/ml fibrin gel under extensile strain. (a) The
background-subtracted scattering patterns of a gel under 0% and 110% applied extensile strain.
The first and third order scattering rings are indicated by black arrows. (b) The nematic order parameter S, calculated from the azimuthally integrated scattering intensity for a q-range of 0.062
to 0.13 nm−1 , as a function of applied extensile strain γext ensi on , together with the nematic order parameter in a model for affine network deformation with a decrease in volume as the strain
increases (grey line). (c) The position of the first scattering peak q peak 1 , as a function of applied
strain. The value of the peak position of the virgin fibrin network is indicated by a dashed line.
Error bars are obtained from the fitting routine. (b) The asymmetry factor A as ym as a function of
applied strain, together with the prediction for a model of affine deformation with a decrease in
volume as the strain increases (grey line).
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4.5. D ISCUSSION

4

We started this Chapter with the question by what mechanisms fibrin obtains its elastomeric behaviour. Fibrin gels exhibit a remarkable strain-stiffening response to an applied shear that extends out to large strains on the order of 300% (Figure 4.1b). Fibrin’s
elastomeric behaviour has been tentatively attributed to the hierarchical structure of the
fibrin gel across multiple scales [125], but it has been challenging to pinpoint the exact contribution of each scale [32, 248]. To relate the different mechanical regimes that
occur at increasing strain levels to structural changes, we combined network deformation with in situ measurements of the structure. By combining confocal microscopy and
SAXS with shear rheology, we can access all relevant structural length scales: from the
molecular to the network scale. We correlated the rheological response to the following structural parameters: the nematic order parameter as a measure of shear-induced
fiber alignment, and the position of the first order scattering peak as a measure of the
monomeric length, with the results summarized in Figure 4.24.
In rheology measurements, we distinguish four distinct mechanical regimes (indicated in Figure 4.24). We do not observe any changes in fiber alignment or monomer
elongation in the first two regimes. It has been argued, based on a quantitative comparison between the elastic modulus of fibrin networks with predictions of polymer network
models, that this stiffening regime originates from the entropic resistance of the fibers to
being straightened [125, 146]. Our data are consistent with this hypothesis, in the sense
that no structural changes are expected on the molecular scale in case of an entropic
network response. The third mechanical regime starts at around 25% shear strain and
is accompanied by the onset of fiber alignment, indicated by an increase in the nematic
order parameter. This regime has been interpreted in prior rheological studies as the
enthalpic regime, where the origin of stiffening is the re-orientation of linearly elastic
filaments in the direction of strain (Refs. [31, 133, 206] and Figure 4.14a and c). The
fourth mechanical regime sets in at about 100% strain, correlating with the onset strain
of elongation of the characteristic repeat length on the monomer level. In this regime,
the fiber backbones are strongly stretched. Finally, typically between 200% and 300%
applied shear strain, the network ruptures, indicated in the mechanical response by a
sudden drop in stiffness to a vanishingly small value, in the confocal images by the disappearance of a percolating network (see Supplementary Figure 4.7), and in the SAXS
patterns by a return of the nematic order parameter to values characteristic of undeformed, isotropic samples.
In summary, we observe a close correlation between the rheological response and
changes in fibrin structure. Does this correlation provide a clue regarding the underlying
mechanisms? To address this question, it is helpful to consider the strain level felt at the
filament level, compared to the macroscopically applied strain. For a continuum elastic
solid under shear, the local strain is everywhere identical and equal to the macroscopic
strain. However, semiflexible polymer networks are known to be prone to non-affine behaviour [227, 249, 250], although the degree of nonaffinity is difficult to predict a priori.
We therefore decided to measure the nematic order parameter and compare it to predictions made in the limit of an affine deformation. Any nonaffinity would be expected
to delay the onset of alignment and lower the nematic order parameter compared to the
affine prediction. We find that the nematic order parameter at the filament level, mea-
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sured with both microscopy and SAXS, closely follows the affine prediction up to applied
shear strains of 100%, while it increases less rapidly than the affine prediction at higher
strains, likely because the filaments are rotationally constrained by cross-links. This observation justifies the use of an affine model to predict the elongation and orientation of
the fibers that comprise our fibrin gels for the entropic and enthalpic regimes.
How much do the fibers themselves stretch? We estimate from the affine model that
at an applied shear strain of 250%, the average increase in fiber length is 83% (for fibers
oriented in the direction of strain, see “quadrant 1” in Figure 4.9b), which fibrin fibers
can sustain without breaking [184]. As the network does not behave fully affinely at this
strain level, this number is only approximate. However, experimentally we found that the
Bragg peak position shifts only slightly, from approximately 0.287 nm−1 to 0.285 nm−1 at
250% applied shear strain, corresponding to an increase of only 0.3 nm, or 0.7% of the
fibrin monomer length.
Under macroscopic extensile deformation, we observe from the SAXS-spectrum a
similar structural response compared to fibrin gels under shear deformation. The nematic order parameter approaches unity already at strains below 100% (Figure 4.23a),
indicating a strong degree of alignment due to the effect of a volume reduction. However, Figure 4.23c shows that also in extension, the increase in monomer length is minimal, approximately 0.3 nm at 110% extensile strain. At 75% applied strain, alignment of
the fibers is already complete so any further elongation of the gel has to originate from
fiber elongation, yet this is not reflected in a shift of the Bragg peak. What is the structural origin of this discrepancy between the large fiber strain on the one hand and the
tiny monomer strain on the other hand?
In literature, the origin of the extensibility of fibrin fibers has been subject to a longstanding debate that has led to two different views on the mechanism by which fibers
deform. The first view is that elongation is mediated by the unfolding of the coiledcoil connector regions within the monomer [198, 199, 251]. The second view is that the
extensibility of fibers originates from the stretching of the αC-regions, either between
protofibrils, or between short protofibril fragments [205, 252]. These mechanisms are
sketched in Figure 4.25a-c.
As Bragg scattering occurs on periodic structures, the 1.83-fold elongation of fibrin
fibers that takes place at 250% strain would lead to a shift in the position of the Bragg
peak from q peak 1 = 0.287 nm−1 at rest to q peak 1 = 0.157 nm−1 (since multiplication
with a factor 1.83 in real space corresponds to division with a factor 1.83 in reciprocal
space) if it were completely mediated through unfolding of the structured coiled-coil regions (Figure 4.25a), in stark contrast to the final peak position q peak 1 = 0.285 nm−1 that
we measure. Furthermore, molecular simulations of fibrin monomers (that lack the disordered αC-regions) predicted the unfolding of the coiled-coil regions under increasing
strain, with a characteristic force-extension relation as different parts of the monomer
unfold [199–201, 253]. To achieve a strain of 83%, the predicted force-extension relation
dictates that a force of ∼100 pN per monomer is required. To estimate the actual force
experienced per protofibril at this fiber strain, we use N p = 288 and a pore size of 1.35 µm
(Chapter 2) for a 4 mg/ml fibrin gel, and a stress of 4400 Pa (obtained from the rheology
files that accompanied the SAXS-data) at 250% applied shear strain. We thus estimate a
force per fiber of 8.0 nN, and a force per protofibril of 28 pN. This force per protofibril
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should only lead to a minimal increase in monomer length due to molecular unfolding
of at most a few nm [199].
The alternative model, where the disordered αC-regions are held responsible for the
elongation on the monomer level (Figure 4.25b), predicts that, even though the macroscopic strain field is (almost) directly mapped onto fibers, the characteristic repeat length
does not change, since the disordered rather than the ordered structures within protofibrils deform. This is consistent with the minute shift of the position of the Bragg scattering
peak we observe experimentally.
To test the validity of the αC-elongation mechanism, we make an estimation of the
maximum deformation of the αC-region, to see whether the stretching of the αC-regions
can accommodate the strains that fibrin fibers experience. The αC-region in human fibrinogen consists of a partially folded αC-domain of 218 amino acids long, and an unstructured αC-connector of 170 amino acids [254, 255], see Figure 4.25d. At rest, the
measured length of the αC-region in fibrinogen oligomers is 45 nm to 50 nm [256], which
is significantly shorter than a fully stretched αC-region (390 amino acids × 0.35 nm per
amino acid ≈ 140 nm). To make a rough estimation of the maximum deformation of the
αC-connector, we
p use a maximum length of 170 × 0.35 ≈ 60 nm, while we estimate its
rest length r 0 = a N from a random coil of N chains of length l p , where the persistence
60
length l p of the αC-connector is approximately 0.6 nm[203, 255], such that N = 0.6
= 100
and r 0 = 6 nm. This allows an extension per monomer of 2 × (60 − 6) = 108 nm from the
unstructured αC-connector (the factor 2 originating from the fact that every monomer
has two αC-regions), equivalent to 240% strain. This can be even higher when elongation of the full αC-region, including the αC-domain, is taken into account: 2×(140−50) =
180 nm elongation per monomer, or 400% strain. Hence, αC-regions can easily accommodate the strains that fibrin fibers experience.
We find further support for this mechanism when we consider the stress dependence
of the elastic modulus of the fibrin networks at high stress. In the mechanical regime
above 100% applied shear strain, we find a power law with a slope of 3/2 (dotted line
in Figure 4.1b), which is consistent with a model of stretching of semiflexible polymer
chains [257] (such as the αC-regions). Strong support for this model in the literature
comes from stretching measurements on single fibrin fibers prepared from fibrinogen
from different animal sources, where the maximum extensibility was found to increase
linearly with the length of the αC-region [204, 258].
The return of the fibrin network from a highly deformed state to zero strain provides
further insight in the mechanism of fiber stretching. We observe a decrease in characteristic length (0.5 nm with respect to the initial length), which is difficult to reconcile
with monomer unfolding, since it is unlikely that monomers would refold into a configuration that is more compact than the native state. The decrease in characteristic length
does fit well in a model where the αC-regions are responsible for elongation within the
fiber, since the unstructured nature of these regions allows elongation, but also shortening.
We obtain further clues from the height of the Bragg scattering peak, which is a measure of the degree of axial packing order. We observe a decrease in peak height with
increasing strain, consistent with prior studies [31, 209] and indicative of increased disorder. There are two possible contributions to the observed disorder. First, the initially
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random fiber orientation means that there is a broad distribution of strains experienced
at the fiber level (Figure 4.14e for shear and Supplementary Figure 4.2c for extensile
deformation). This phenomenon increases the distribution of characteristic lengths at
high strain (calculated for an affine shear deformation in Supplementary Figure 4.4) and
thereby decreases the height of the Bragg scattering peak. A second mechanism contributing to enhanced disorder at large strain comes from a model where the αC-regions
between protofibril segments are stretched (Figure 4.25c), which will facilitate an additional increase in scattering disorder, as a single fiber under deformation contains
multiple characteristic lengths from both the undeformed monomers and the increased
protofibril-segment-distance.
Surprisingly, we observe an increase in the height of the peak upon return to 0%
strain. This observation implies that the packing of the virgin, undeformed fiber is imperfect. This observation fits in an ongoing debate about the way in which protofibrils pack together to form a fibrin fiber [65, 96–101], which is strongly influenced by the
assembly conditions [22, 54, 197, 259–261]. Since aggregation of protofibrils into fibrin
fibers occurs at a protofibril length of around 600 nm, or 13 monomers [262, 263], imperfections in assembly will create protofibril segments rather than infinitely long protofibrils, which are essential elements in a model where αC-regions govern fiber stretching
(Figure 4.25b and c).
We believe in hindsight that the SAXS spectra presented in Refs. [31, 209] of fibrin gels
under extensile deformation are also in line with αC-elongation. At increasing strain, the
Bragg peak was observed to disappear, yet no shift was observed in the position of the
peak, in line with our measurements where the peak position shifts a maximum of 0.7%.
If we assume a model of affine extensile deformation with a decrease of volume with
increasing strain (Supplementary Figure 4.2), we conservatively estimate an increase in
average fiber length of 12.1% at 100% extensile strain. If this strain were borne by coiledcoil unfolding, then we expect a shift in the peak position from 0.287 nm−1 to 0.256 nm−1
- a relatively small number, caused by the strong volume-reducing effect that accompanies extension, but a shift that should be clearly observed. The SAXS measurements did
not observe any peak shift, suggesting that the strain is carried by elongation of the unstructured αC-regions rather than unfolding of the structured monomers.
By contrast, in experiments of bovine fibrin films under extensile strain [206, 264],
the first order Bragg peak was observed to shift substantially, by an amount that corresponded to an increase in the monomer length of 6 nm. It remains to be determined
whether this discrepancy with our measurements under shear and extensile deformation is due to the fibrinogen source (bovine versus human).
We get a final confirmation of the involvement of αC-stretching from nonlinear rheology experiments performed on fibrin gels formed from des-αC fibrinogen and fulllength fibrinogen. In Supplementary Figure 4.6 we see at zero strain that the linear elastic
modulus is higher for coarse fibrin gels than for fine and des-αC fibrin gels, originating
from the relatively stiff bundles of protofibrils that comprise coarse clots. In contrast,
at high shear strains the coarse and fine gels show the same rheological response. This
confirms that at high shear strain the mechanical response of the network originates
from the level of fibrin protofibrils, independent from the way in which they are packed.
This is in agreement with earlier work [16]. Similarly to fine fibrin, the des-αC gel shows
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stiffening at the same onset strain as the affine prediction for alignment (Supplementary Figure 4.6). However, a further strong stiffening response at high strain (>100%), as
observed for the fine and coarse networks prepared from full length fibrinogen, is absent. Only a small stiffening response at this strain level is seen, likely originating from
continuation of fiber alignment. The absence of the stiffening response at high strain in
des-αC fibrin is direct evidence that stretching of the αC-regions is the structural origin
of the mechanical response of fibrin gels under high shear deformations. In order to explain the nonlinear rheology experiments on different fibrin gels, we again turn to the
concept that protofibrils consist of segments (Figure 4.25c). This model explains both
the equal stiffening response of coarse and fine fibrin gels at high strains through the
elongation of αC-regions, and the lack of stiffening in des-αC gels.

4

4.6. C ONCLUSION
In conclusion, we applied a multi-scale approach to understand the origin of fibrin’s mechanical behaviour. We demonstrated that the strain field in sheared fibrin network is
nearly affine. This is consistent with indirect conclusions from earlier studies, which
were based on the close correspondence between measured elastic moduli and predictions of affine network models [16, 125]. Around 25% shear strain, fibers start to
significantly orient along the direction of principle strain, and at 100% applied strain,
the fibers themselves are being appreciably stretched due to elongation of the connecting αC-regions. The monomeric repeat distance only barely increases, suggesting that
molecular unfolding plays an insignificant role, even in networks under large shear or
extensile deformations. This framework is further supported by nonlinear rheology on
fibrin gels formed from full-length fibrinogen and des-αC fibrinogen, where the stiffening response at high strains observed in full-length fibrin gels is absent in des-αC fibrin
gels. Interestingly, in Nature, both unfolding of ordered [265, 266] and disordered domains [267] are employed to accommodate large deformations in elastomeric materials. Fibrin monomers are in principle able to extend through both pathways; yet in this
Chapter we have shown that they primarily deform through the stretching of disordered
αC-regions up to shear strains of 200% to 300%. In principle fibrin fibers could stretch
more, but this is pre-empted in reconstituted fibrin networks by rupture of fiber-fiber
connections.
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Figure 4.24: Correlation between the strain dependence of the macroscopic elastic response of
fibrin networks (a) and the changes in fiber alignment (b), and in the position (c) and height (d) of
the peak characterizing the axial packing order of the fibers. The nematic order parameter shown
in (b) shows data from SAXS (solid squares) and confocal rheology (open squares), together with
the prediction for an affine model (black line). S S AX S , q peak 1 , and the error bars in the second
and third panel are the average of two measurements. The vertical lines serve as a guide to indicate
distinct mechanical regimes.
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Figure 4.25: Schematic representation of three different mechanisms of fibrin fiber extension.
The schematic shows the structured part of the monomer as red cylinders, connected by the
αC-regions, shown as black lines. The mechanism through which strain is accommodated is (a)
conversion of α-helices to β-sheets (green regions); (b) extension (indicated in green) of the αCregions connecting fibrin monomers; and (c) a variant of the αC-elongation mechanism, where
the protofibrils consist of a few fibrin monomers [262, 263], such that the αC-regions connecting
these protofibril segments can also extend, possible accompanied with monomer unfolding. (d)
shows a schematic representation of the fibrinogen monomer, with the end-to-end length l and
contour length l c indicated (from left to right) of the αC-domain, the αC-connector, the ordered
part of the monomer and the entire αC-region. The length of the αC-region is obtained from Ref.
[192], the contour length of the αC-region, domain and connector are obtained from Ref. [254],
and the length of the fibrinogen monomer from Ref. [268, 269].
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A PPENDIX
4.A. B ACKGROUND SUBTRACTION
In Equations 4.2-4.3 we subtract the background from the SAXS-images. Although on average the intensity of all pixels with the same q-value is positive for all q-values, negative
intensities occur due to random fluctuations in intensities, especially at high q-values
where the measured background intensity is almost equal to the sample intensity (Figure 4.8d). These negative values can be removed by setting them to zero (orange curve
in Supplementary Figure 4.1). The software provided by the beamline (black curve) uses
(unintentionally) a similar threshold method, where the threshold is set to ≈ 2 × 10−5
in arbitrary units (blue curve). The reason underlying the thresholding in the beamline
software is that it cannot handle negative numbers, and handles floating numbers only
with a certain precision. For strongly scattering samples the image intensity is sufficiently large such that negative or small numbers do not occur, however, in our samples
we find that we need to be able to handle negative and small scattering intensities. Finally, the full overlap of the red and green curve indicates that the order in which background subtraction and radial integration is done, is not relevant for the final intensity.
For the green curve, the radial integration has been performed prior to background subtraction, such that there have not been negative count values at all, as the background
signal has to be always lower than the sample + background signal (see Figure 4.8d).
In this Chapter, we have chosen to not apply a threshold to our background-subtracted
data. Although negative intensities are not physical, they are a result from random instrument noise rather than an underlying physical principle. When a threshold would be
applied, the distribution that the noise follows will be disrupted as the weight of this distribution would be shifted, and hence, our scattering curves would receive an unknown
and arbitrary offset at high q-values.

115

116 4. C ONNECTING FIBRIN ’ S STRUCTURE AND MECHANICS BY A MULTISCALE APPROACH

4

Intensity (a.u.)

3E-4

Intensity (a.u.)

0.01

1E-3

2E-4

1E-4

0.2

1E-4

0.3

0.4

0.5

q (1/nm)

Bubble
no offset

1E-5

offset = 0
-5

offset = 2*10

1E-6

post-rad int

0.1

1

10

q (1/nm)

Supplementary Figure 4.1: Radially integrated intensities for SAXS on a background-subtracted,
4 mg/ml fibrin gel. The sample is a 4 mg/ml fibrin gel under 0% applied shear strain. The black
curve is the background subtraction and radial integration performed by software supplied by the
ESRF. The red curve is obtained by our Python-script and has no threshold applied, the orange
curve has all values below 0 set to 0 and the blue curve has all values below 2 ∗ 10−5 set to 2 ∗ 10−5 .
In green the radial integration of the sample and background is performed before background subtraction. The inset shows a zoom-in of the first scattering peak, showing slight variations between
the ESRF-software and our home-written software, possibly arising from a difference in binning
step size during radial integration, or different normalization.
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4.B. F ILAMENT ORIENTATION AND ELONGATION WITH VOLUME DECREASING NETWORK EXTENSION
In Supplementary Figure 4.2 we show filament orientation of an initially random ensemble of rigid, elastic rods through the probability function P (φ) and P (θ) in the φ and
θ plane, respectively. The deformation is a 3D extensile strain, with a network volume
reduction that resembles fibrin under extension (see Figure 4.5b). We see a stronger orientation than in Figure 4.14b and d, due to the shrinking of boundaries orthogonal to the
direction of extension. The maximum filament strain does not change though, as that
follows the maximum global strain.
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Supplementary Figure 4.2: Extension of an initially random ensemble of rigid, elastic rods, undergoing an affine deformation with fibrin-like volume reduction (see Figure 4.5b). (a) The probability function P for the φ-orientation, (b) the probability function P for the θ-orientation, and
(c) the probability function P for the filament length l . The inset shows the fractional population
of filaments under compression, extension up to 100% and extension higher than 100%, as a function of the applied network strain γ. Orientations of 3 million filaments were averaged to obtain
these graphs.
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4.C. P EAK POSITION PARALLEL AND PERPENDICULAR TO STRAIN
DIRECTION
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In Supplementary Figure 4.3 we show the position of the first order Bragg scattering peak
for two 4 mg/ml fibrin gels, subjected to the deformation protocol shown in Figure 4.19.
For every strain step, the peak positions of the corresponding SAXS-image is shown in
the direction parallel and perpendicular to the direction of strain (see also Figure 4.9b).
In the inset the average values are shown at intervals of q = 0.0005 nm−1 . The position
of the peak of the virgin sample is indicated by a dotted line, the data points with a lower
q-value correspond to deformed samples, the data points with a higher q-value correspond to samples at 0% strain with a strain history.
In Supplementary Figure 4.4a we show the predicted mean length of filaments oriented in the direction parallel and perpendicular to the direction of shear strain, in an
model of affine shear deformation. The average length of all filaments lies close to the
prediction for the parallel fibers, since most filaments orientate in this direction as the
network strain increases. Interestingly, filaments oriented perpendicular to the direction
of strain hardly change in length at all, while fibers orientated in the direction of strain
strongly elongate. In Supplementary Figure 4.4b we show the inverse of the average filament length (representing q-space) in both quadrants for increasing values of the shear
strain, where the rest length is normalized to q = 0.285 nm−1 , the rest length of the fibrin
monomer.
As the measured relation between monomer deformation in the direction of the applied strain and the direction orthogonal to the strain (Supplementary Figure 4.3) is
strongly deviating from the affine prediction (Supplementary Figure 4.4b), both in shape
and in magnitude, this is another indication that the affine deformation that occurs on
the fiber level is not transferred to the structured part of the fibrin monomers. Instead,
the unstructured αC-regions accommodate the strain (which does not show in the Bragg
scattering peak), which explains the discrepancy between the measured and predicted
shift in peak position in the direction parallel and perpendicular to the shear direction.
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Supplementary Figure 4.3: Position of the first scattering peak in the vertical quadrant q peak 2
(perpendicular to the direction of shear strain), plotted as a function of the position of the first
scattering peak in the horizontal quadrant (in the direction of strain), for two independent data
sets. The inset shows the average of this data set, divided in bins of q = 0.0005 nm−1 . A dotted
vertical line indicates the position of the first order scattering peak of the virgin, undeformed gels.
The function y(x) = x is shown by the black lines, indicating whether the change in peak positions
in the directions parallel and perpendicular to the direction of strain is equal or not.

quadrant 1
quadrant 2

Supplementary Figure 4.4: (a) shows the average length of filaments in quadrant 1 and 2, and the
fraction of filaments in both orientations. (b) shows the inverse of the average length in both quadrants, similar to Supplementary Figure 4.3. At zero strain, the average length in both directions is
normalized to 0.285 nm−1 , and filaments are equally distributed over all orientations. The function y(x) = x is shown by the black lines, indicating whether the change in peak positions in the
directions parallel and perpendicular to the direction of strain is equal (when the squares follow
this curve) or not.
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4.D. C OMPARISON OF THE PEAK POSITION OF 2017 AND 2018
BEAMLINE SESSIONS
In Supplementary Figure 4.5 we show the first order scattering peak position of fibrin gels
measured during the 2017-beamtime session together with the peak position of fibrin
gel measured during the 2018-beamtime session. The protocol for the 2018-beamtime
session did not include returns to 0% strain while the protocol for the 2017-beamtime
session did (Figure 4.19), with otherwise identical strain steps, holding times and acquisition times. As the data from both session agree well, this supports the notion that only
the maximum applied strain is relevant for the shift to lower q-values, such that the returns in the protocol for the 2017-beamtime session did not affect panel a, c and e of
Figure 4.22.
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Supplementary Figure 4.5: Comparison between data acquired during the 2017-session (square
symbols) and the 2018-session (open circles). Both data sets show the peak position q peak 1 in
units of nm−1 in the direction of strain ("q1" in Figure 4.9b).
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4.E. N ONLINEAR RHEOLOGY OF DES -αC FIBRIN NETWORKS
Based on the SAXS measurements, we hypothesize that the force-extension response of
the disordered αC regions dominates the mechanical response at high deformations.
To test this hypothesis, we performed nonlinear rheology on fibrin polymerized from
fibrinogen monomers that lack the αC-region, and compare it with nonlinear rheology
measurements on fibrin formed from full-length fibrinogen. A detailed description of
the preparation of the des-αC fibrinogen solution, including an SDS-gel to confirm that
indeed the Aα has a lower molecular weight than full-length fibrinogen, is given in Section 5.2.1 in Chapter 5.
We noticed that fibrin gels polymerized from des-αC fibrinogen rupture at substantially lower applied shear stresses than gels polymerized from full-length fibrinogen.
We hypothesized that the earlier rupture is due to reduced adhesion of the gel to the
rheometer plates (inspired by the notion that the αC-domains are involved in the interaction between fibrin and cells [270]), rather than rupture of the gel itself. To increase the
adhesion between the gel and the rheometer plates, we incubated the stainless steel top
and bottom plates of the rheometer for 45 minutes at 22°C with a solution of 2 mg/ml
full-length fibrinogen dissolved in 150 mM NaCl, 20 mM HEPES and 5 mM CaCl2 . Prior
to loading the des-αC fibrinogen solution onto the rheometer plate, the excess solution of full-length fibrinogen monomers was carefully absorbed with a tissue. When we
compare the linear elastic modulus of the des-αC fibrin gel formed between the two
fibrinogen-treated surfaces with the values for gels formed between untreated surfaces
(reported in Table 5.1 in Chapter 5), we find that the surface treatment does not increase
the linear elastic modulus. This indicates that no full-length fibrinogen is incorporated
in the bulk material of the gel, yet it improves adhesion to the rheometer plate such that
the rupture strain substantially increases.
In Supplementary Figure 4.6 we report the nonlinear elastic behaviour of a 2 mg/ml
des-αC fibrin gel, together with full-length fibrin polymerized in coarse and fine fibrin
buffer. We observe that the onset of the nonlinear response of the des-αC fibrin occurs at
a higher shear strain (approximately 6% versus 2% for coarse gels). At high shear strains
of order 100%, the des-αC fibrin gel does not show the stiffening that we observed in
fibrin gels polymerized from full-length monomers. Since fibers in des-αC fibrin gels
are thinner [271, 272], we performed the same nonlinear experiment on full-length fibrinogen polymerized under fine clot conditions. The onset of nonlinear behaviour of
fine fibrin gels is similar to des-αC fibrin, but the fine clots show stiffening at high strain
that is absent in the des-αC fibrin gel. We note that at high strain, the nonlinear elastic
response of the fine and coarse networks prepared from full length fibrinogen overlap
exquisitely well.
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Supplementary Figure 4.6: The differential elastic modulus K 0 as a function of applied shear strain
measured for a 2 mg/ml des-αC fibrin gel, a 2 mg/ml fibrin gel formed from full-length monomers
in coarse assembly buffer (‘FL coarse’) and a 2 mg/ml fibrin gel formed from full-length monomers
in fine assembly buffer (‘FL fine’). The des-αC fibrin gel was polymerized in a cone-plate geometry
that had been incubated with a full-length fibrinogen solution to increase adhesion of the sample
to the surface. The other two samples were polymerized in situ without surface treatment.
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Supplementary Figure 4.7: Confocal rheology on a 1 mg/ml fibrin gel. A shear deformation is
applied in the x-direction. Images are maximum intensity projections on the xz-plane with a
depth in y of 50 µm. The relatively large steps in z during acquisition make the image look “liney”,
making this image unsuitable for further analysis with fiber tracking. This image also shows a
higher protein density directly on the glass (at the bottom of the images), which is why we start
imaging 10 µm away from the glass surface. (a) shows the network with no applied deformation,
(b) shows the last image taken before rupture, and (c) shows the network after rupture. The scale
bar is 20 µm.
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F IBRIN NETWORK REMODELING
UNDER CYCLIC SHEAR OR
COMPRESSIVE LOADING
On command! Modify!
Networks enforce themselves!
Adding connectors, that
hardy can fail.
Striking example of
bio-technology:
Velcro scaled down to the
nano-length scale.

Fibrous networks are ideal functional materials since they provide mechanical rigidity
at low weight. Here, we demonstrate that fibrous networks of the blood clotting protein
fibrin undergo an irreversible increase in their mechanical rigidity in response to shear
deformation and uniaxial compression, where the latter mode of deformation has the
strongest effect. We explain this by noting that fiber-fiber interactions are more likely to
occur when the network volume is reduced. Under compression, rigidification can be precisely controlled by the level of applied compressive strain, providing a means to program
the network rigidity without having to change its composition. To identify the underlying
mechanism we measure single fiber-fiber interactions using optical tweezers. We identify the αC-regions on the fibrin molecule as the molecular origin of the fiber-fiber interactions. We further develop a minimal computational model of cohesive fiber networks
under compression that shows that stiffening arises due to the formation of new bonds in
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the compressed state, which develop tensile stress when the network is re-expanded. The
model predicts that the network stiffness after a compression cycle obeys a power-law dependence on tensile stress, which we confirm experimentally. This finding provides new
insights into how biological tissues can adapt themselves independently of any cellular
processes, offering new perspectives to inspire the design of reprogrammable materials.

5

5.1. I NTRODUCTION

127

5.1. I NTRODUCTION
IBROUS materials are ubiquitous in biology, forming the structural framework of cells
and connective tissues [1]. Similar design principles are also harnessed in many
man-made materials ranging from paper and textiles to light-weight composites [2]. Fibrous networks are superior functional materials, since stiff polymers and rigid fibers
can form space-filling elastic networks at exceedingly low volume fractions of less than
1%, and at low connectivities where only 3 to 4 fiber segments meet at each node. This
connectivity is below the Maxwell isostatic threshold for simple spring networks, which
requires a connectivity of at least 6 for a mechanically stable network [23]. Fibrous materials can beat this threshold, due to the stabilizing effects of stress and the large bending
resistance of fibers [24–27]. Moreover, the stiffness of fibrous networks is sensitive to the
density of cross-linkers between fibers [273]. Such networks also reversibly stiffen under
shear or tensile deformation, a phenomenon that has been explained by network models consisting of either semiflexible or elastic fibers [14, 25, 26, 274]. These properties in
principle allow one to adjust the stiffness of fibrous networks to specific functional requirements. However, they offer only limited options for in situ adjustment since changing cross-link density requires making a new system for each application, while strainstiffening is only operative as long as a mechanical strain is applied.
Nature has found intriguing ways to adapt the mechanical performance of fibrous
networks in tissues in a more dynamic fashion to diverse and time-varying mechanical loading conditions. Tissues are able to actively reinforce their structure along the
principal load direction. The mechanisms of mechanical reinforcement are generally
thought to originate from cellular activity, involving strain-dependent fiber degradation
and synthesis [275, 276]. However, recent studies suggest that biopolymer networks are
inherently adaptive themselves, since they are held together by weak transient bonds
[33, 277]. Cyclic shear loading has been shown to cause reinforcement for a number
of biopolymer systems [172, 278–280], although softening can occur as well [35, 281].
The physical principles responsible for these varied inelastic responses are still not fully
understood, although possible mechanisms include bond breaking and reformation between fibers [277, 281–284] and within fibers [35].
To test the influence of cyclic loading on the inelastic behaviour of fibrous networks,
we choose fibrin as a model biopolymer (Figure 5.4c) whose elastic properties have already been extensively studied in the context of blood clotting [252]. We find that fibrin
networks undergo irreversible stiffening when subject to high shear stresses. We show
that we can enhance the stiffening response by applying a compressive strain, which is
indeed more adept for strain-induced programming due to the volume-reducing nature
of the deformation [177, 285, 286].
By directly measuring the interactions between individual fibrin fibers using optical tweezers, we identify new bond formation as a possible origin for this stiffening. We
develop a minimal computational model of cohesive fiber networks to show that bond
remodeling can indeed explain reinforcement of fibrin networks under compression.
Moreover, this model reveals that the strong degree of stiffening we observe can arise
from a surprisingly small fractional increase in network bonds, due to the pre-stressed
nature of new bonds formed under compressive loading. Our model predicts a powerlaw dependence of the stiffening on the resulting contractile prestress, which we confirm
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experimentally. The generality of the stiffening of cohesive fiber networks, together with
its predictable and reproducible dependence on compression, can be used as a basis for
in situ programming the mechanics of fibrous materials by purely mechanical means.

5.2. M ATERIALS AND M ETHODS
5.2.1. F IBRIN NETWORK RHEOLOGY

5

We purchased chemicals from Sigma Aldrich (Zwijndrecht, Netherlands), human plasma
fibrinogen and α-thrombin from Enzyme Research Laboratories (Swansea, United Kingdom), and fibrinogen labeled with the fluorophore Alexa488 from Life Technologies (Eugene, OR, USA). Fibrinogen lacking αC-regions [256, 287] was obtained from plasma and
generously provided by Dennis K. Galanakis1 in lyophilized form in 0.3 M NaCl2 , and, after dissolving, dialysed against fibrin assembly buffer. We checked its purity on a 7.5%
SDS-gel, using 2.5 µg of protein per lane, staining with InstantBlue (Gentaur, Eersel, The
Netherlands). Molecular masses were calibrated by running a lane with Bio-Rad Kaleidoscope Standards 161-0375. In Figure 5.1 we show the SDS-page gel of des-αC fibrinogen
and fibrin, together with full-length fibrinogen and fibrin for comparison.
Rheological experiments were performed using an Anton-Paar rheometer (Physica
MCR501, Graz, Austria) equipped with a 40 mm, 1°stainless steel cone plate geometry
(shear experiments) or a 40 mm stainless steel parallel plate geometry to allow variation of the gap size (compression experiments). Samples were prepared by diluting fibrinogen stock solution (dialysed against a 150mM NaCl, 20mM HEPES, pH 7.4 buffer) to
2 mg/ml in an assembly buffer to obtain final concentrations of 150 mM NaCl, 20 mM
HEPES and 5 mM CaCl2 at a pH of 7.4. Polymerization was initiated by addition of
0.5 U/ml thrombin. Directly after mixing, we transferred the solution to the bottom
plate of the rheometer and lowered the top plate to reach a gap size of 1.0 mm. During polymerization, the temperature was kept constant at 22°C, and solvent evaporation
was prevented by adding a layer of mineral oil (M3516, Sigma Aldrich) on the liquid-air
interface. We checked that the oil layer did not influence the mechanical behaviour of
the networks.
During polymerization, we continuously measured the shear modulus, to verify that
there was no evaporation or other disturbances of the sample. To this end, we applied
a small oscillatory shear strain with an amplitude of 0.5% and a frequency of 0.5 Hz,
and measured the shear stress response. Polymerization was complete after 10 hours as
indicated by a time-independent shear modulus. For the shear experiments, we applied
a constant shear stress, with a superimposed oscillation with an amplitude of 10% of the
constant stress level, and a frequency of 0.5 Hz. The stress level (both the constant level
and the oscillation amplitude) was logarithmically increased with 8 points per decade,
which is a factor 101/8 ≈ 1.3335.
Compression was achieved by lowering the top plate at a slow rate of 1 µm/s in steps
of 100 µm, corresponding to strain steps of 10%. In between each compression step, we
held the gap fixed for 125 s to allow the normal force to equilibrate. Figure 5.2 shows
1 Department of Pathology, Stony Brook University School of Medicine, Stony Brook, Stony Brook,

NY, USA
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a typical example of the relaxation of the normal force during and after compression,
which we associate with poroelastic behaviour (see Chapter 3 of this Thesis). The time
scale of the relaxation process is quite fast, on the order of 13 s [288], reflecting the large
(micron-scale) mesh size of the fibrin networks. We then measured the shear modulus of
the equilibrated network by applying a small oscillatory shear strain (amplitude γ = 0.5%
and oscillation frequency ν = 0.5 Hz). Stepwise compression was continued until the
thickness of the gel was reduced to 0.2 mm, corresponding to 20% of the original height
and an axial strain of 80%. After compression, the gap was increased back to 1 mm (corresponding to an axial strain of zero) in a similar stepwise manner, and again allowing
enough time for buffer to re-enter the network. We observed a residual tensile normal
force (see Figure 5.4d), indicative of good adherence of the network to the rheometer
plates and in line with earlier reports where high (shear) stresses were applied without
requiring prior treatment of the rheometer surfaces (e.g. Ref. [125]). As a more rigorous
test for strong enough plate adhesion, we also performed uniaxial extension tests in the
rheometer. We found that the fibrin gels could be stretched by axial strains of at least
50%, corresponding to tensile stresses of at least 1.4 N, well above the stress levels (ca.
0.6 N) relevant throughout this work.
We verified by UV-VIS absorption measurements of the expelled buffer solution that
no protein was released from the networks during compression. In some experiments
cross-linking by FXIII was inhibited by the addition of D004 (Zedira, Darmstadt, Germany) to the fibrinogen solution in a 30 to 1 molar ratio prior to the addition of thrombin [289]. For the rheology experiments, data points show the average of three measurements on independently prepared fibrin gels with error bars representing the standard
deviation.

5.2.2. O PTICAL TWEEZERS
Optical tweezers experiments were performed using a custom-built four-trap optical
tweezers system, combined with fluorescence microscopy [293]. The sample chamber
was a microfluidic flow cell with three inlets. Laminar flow conditions ensured that no
mixing of the channels occurred. The first inlet contained 4.5 µm diameter spherical
polystyrene beads (Spherotech, Lake Forest, IL, USA), which were trapped by a 20 W infrared (λ = 1064 nm) laser. The second inlet contained fibrin fibers, obtained by adding
0.5 U/ml thrombin to a 0.01 mg/ml fibrinogen solution where 10% of the monomers
was labeled with Alexa-488. The third inlet contained just assembly buffer, which was
supplemented in some experiments with the FXIII inhibitor D004. To test whether fibrin fibers are able to form bonds when brought in contact, we first trapped four beads
in the bead channel, and next captured two fibrin fibers in the fibrin channel by connecting them end-to-end to a bead pair, using the ability of fibrin to strongly adhere to
polystyrene beads [294]. Finally, the two fibers were moved to the buffer channel using
the beads as handles and one fiber was positioned underneath the other one by defocusing the trapping lasers and oriented in a crossed configuration. All beads were then
brought back to the same focal plane in order to bring the fibers in contact. To test for
fiber cohesion, we moved one of the bead pairs and performed time-lapse fluorescence
imaging while concurrently measuring the force response on the other bead pair using a
position-sensitive diode.
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Figure 5.1: A 7.5% SDS-gel of fibrinogen and fibrin lacking αC-regions and full-length fibrinogen
and fibrin. The Aα, Bβ and γ-chains are indicated; gels polymerized from des-αC-fibrinogen lack
the Aα chain with a molecular mass of 64 kDa [19]. The remaining part of the α chain is poorly
visible at approximately 25 kDa [290]. Upon polymerization the molecular weight changes due to
the removal of fibrinopeptide A from the Aα-chain and fibrinopeptide B from the Bβ-chain [291].
Around 100 kDa, γ-dimers are visible in the intact fibrin gel [292]. Molecular weights are calibrated
using a standard reference; marked with an asterisk.
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Figure 5.2: The normal (axial) force F n , exerted by a 2 mg/ml fibrin network, equilibrates over
time t , after the network underwent a stepwise compression from a height h of 0.9 mm to 0.8 mm.
A small residual normal force (see Figure 5.16) corresponds to the build-up of internal normal
stresses. The corresponding sample height h is shown in grey.
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5.2.3. S CANNING ELECTRON MICROSCOPY
After polymerization of fibrin gels in the caps of Eppendorf tubes, the caps containing
the gels were placed in a 150 mM sodium cacodylate buffer at a pH of 7.4 for 30 min per
incubation step for a total of 3 steps while stirring slowly with a magnetic stirring bar,
and fixated overnight in the cacodylate buffer with 2% glutaraldehyde. Afterwards, the
samples were washed again in 3 steps in cacodylate buffer for 30 min. Samples were
stepwise dehydrated by placing them in mixtures with an increasing ethanol content
for 20 min per mixture. After full dehydration, ethanol was replaced by hexamethyldisilazane (HMDS) (first by 50% HMDS and 50% ethanol, and in the second step by
100% HMDS) and left to evaporate overnight in a fume hood. Samples were mounted
on Scanning Electron Microscopy (SEM) stubs using conductive tape and coated with a
10 nm layer of gold-palladium (80/20) by sputtercoating (Leica EM ACE600). Electron
microscopy was performed on a FEI Verios 460 system, with a beam voltage of 2 kV and
a magnification up to 150, 000×.

5.2.4. C ONFOCAL MICROSCOPY
Confocal microscopy was performed on a Nikon Eclipse Ti inverted microscope equipped
with a 100x oil-immersion objective (NA = 1.40). Fibrinogen labeled with Alexa Fluor 488
(Life Technologies, Bleiswijk, The Netherlands) was mixed with unlabeled fibrinogen in
a 1:19 molar ratio. For des-αC-fibrinogen, this ratio was adjusted to 1:29. Samples were
prepared in glass chambers made of a microscope coverslip and slide with Parafilm spacers. Polymerization occurred at room temperature for at least 12 hours.
Confocal microscopy in combination with compression was performed on a homebuilt setup, consisting of an Anton Paar rheometer head (DSR 301, Graz, Austria) placed
on top of an inverted microscope equipped with a Yokogawa CSU-22 spinning disk confocal head, a Hamamatsu EM-CCD C9100 Digital Camera, and a 100x oil-immersion objective. The bottom plate consisted of a microscopy coverslip, while the top plate was
a 20 mm stainless steel plate. The gap height was adjusted manually by moving the
rheometer head up and down with a micrometer screw. The molar ratio of fluorescently
labeled to unlabeled fibrinogen monomers was adjusted to 1:9, allowing shorter exposure times and reduced photobleaching.

5.2.5. S IMULATIONS
Disordered 2D lattices were generated by modifying triangular lattices with a lattice spacing of l 0 such that at each lattice vertex, one out of three passing filaments is randomly
freed up [295]. This phantomization procedure sets the average connectivity (local coordination number) of the network to z = 4. We further diluted the network by random
removal of fiber segments until the average connectivity, 〈z〉, reached a value between
3 and 4 that is typical of biopolymer networks. Biopolymer networks of fibrin, collagen and actin usually exhibit combinations of fiber branching (z = 3) and cross-linking
(z = 4) [296]. This average connectivity is below the point of marginal stability for a network of Hookean springs with only stretching interactions. This isostatic connectivity is
2d s where d s is the dimensionality of the system[23]. Spring networks are floppy below
this threshold, but they can be stabilised by introducing a bending rigidity or by applying
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an internal or external stress [24–26, 29, 297–299]. Here, we include bending interactions
in the Hamiltonian of the system to account for the finite rigidity of fibrin fibers. Thus,
the filaments in the network are described by the Hamiltonian
"
¯
X Z κ ¯ d t̂
¯
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2 ¯dsf
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where the first term accounts for bending and the second term accounts for stretching.
The summation is over all filaments in the system, t̂ is the unit tangent along the filament and d l /d s f is the longitudinal strain at point s f along the fiber contour. Each
fiber is assigned a bending rigidity κ and stretch modulus µ. Note that the simulations
assume an athermal network, which is appropriate for rigid biopolymers such as collagen, microtubules, and actin bundles, and fibrin networks above a threshold strain of a
few percent [125]. We set the dimensionless fiber rigidity, defined as κ̃ = κ/(µl 02 ) where
l 0 is the lattice spacing, to 10−4 , a value that is appropriate for fibrin networks at the
protein concentrations we are working at. The fiber rigidity is a dimensionless quantity
that quantifies the relative importance of bend and stretch energy contributions and it
is expected to vary approximately linearly with protein concentration assuming that the
network architecture is invariant [25, 26]. Simulation results shown in Figure 5.13 have a
capture radius of d = 0.01 l 0 ; simulation results shown in Figure 5.14 have a capture radius of d = 0.001 l 0 . The simulation results shown in Figure 5.13 are an ensemble average
of a total of ten different random networks.

5.3. R ESULTS AND DISCUSSION
5.3.1. F IBRIN SHEAR AND COMPRESSION
We apply a logarithmic stress-ramp protocol on a 1 mg/ml fibrin gel, where we started
at a small shear stress of 0.1 Pa, the stress was increased to a certain maximum, and
decreased back to the original 0.1 Pa. In Figure 5.3 we show that the application of
shear stresses up to 100 Pa is fully reversible. However, when a maximum shear stress
of 1000 Pa is applied, the linear modulus increased by a factor 1.5 upon removal of the
stress. During the subsequent loading cycle, the loading curve follows the same path as
the previous unloading curve, indicating that stiffening is irreversible. However, there is
a high onset stress for the stiffening effect as the network ruptures almost immediately
after the stiffening effect was first observed (only one data point above 1000 Pa shear
stress was measured).
As an alternative to shear deformation, we apply a compressive deformation. We
hypothesize that we will observe a stronger response than shear deformation, as the decrease in network volume brings fibers closer to each other, increasing the likelihood of
fiber-fiber interactions. We compress the fibrin networks stepwise in increments of 10%
axial strain, relative to the initial state. After each compression step, we return the sample to the initial (0% axial strain) state, for a complete compression cycle. We define the
compressive strain by ² = L 0L−L
, where L 0 is the initial sample height and L is the sample
0
height under compression. Importantly, this definition of strain is not with respect to
the relaxed state of the sample, which changes during a compression cycle. We perform
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Figure 5.3: Application of increasing levels of shear stress on a 1 mg/ml fibrin network. The shear
stress initially is 0.1 Pa, is then increased to the maximum as indicated by the arrows and the vertical dashed lines, and is finally decreased back to 0.1 Pa. Up to shear stresses of 100 Pa, there is
full reversibility upon unloading. After the application of 1000 Pa shear stress, the network has
become stiffer, as evident from the unloading curve and the next loading curve up.

each (de)compression step at a slow rate to allow for water efflux and influx (Figure 5.4e).
Furthermore, we allow the network to equilibrate for at least 125 s until the normal force
exerted by the network on the rheometer top plate reaches a constant level (Figure 5.2).
We probe the rigidity of the network at different levels of axial strain by measuring the
shear modulus with a small amplitude oscillation.
As we compress the network to increasing axial strains, the shear modulus progressively decreases (Figure 5.4a, black). This softening response is consistent with previous studies of fibrin [177, 285, 300] and actin [301] and may indicate fiber buckling
[186, 300, 302–304]. Even for pure spring networks, however, extension tends to stabilize networks while compression tends to destabilize networks [305, 306]. At the highest
maximum compressive strains that we apply (80%), there is a slight upturn of the modulus, possibly reflecting network densification [285, 303, 304].
When we decompress the network to its original height, we observe a strong increase
in the shear modulus compared to the virgin state (Fig 5.4a), accompanied by an increased residual normal stress (Figure 5.4d; the normal stress σn is the measured normal force F n divided by the rheometer plate surface area). The increase is already more
than twofold when the network has experienced a compressive strain of 10% and rises to
eightfold when the network has experienced a compressive strain of 80%. Importantly,
the shear modulus reached after decompression is constant over time (measured for 1
hour, data not shown), so the compressive programming is irreversible.
To test whether the loading history affects the inelastic response, we also subjected
networks to a single cycle of compression and decompression (Figure 5.4a, red; Figure
5.4e). The softening upon compression and stiffening upon decompression are nearly
identical to the changes observed in the stepwise programming protocol, suggesting that
only the maximum compressive strain that the sample has experienced is relevant, while
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the subsequent strain history plays no role. This conclusion is further supported by repeating cycles of compression to 80% strain and decompression to 0% strain, where we
observe that the once-programmed network switches between the same high stiffness
at 0% strain and low stiffness at 80% strain in subsequent cycles (Figure 5.4b).

5

Figure 5.4: (a) Shear modulus G 0 of a fibrin network as a function of compressive strain ² and
corresponding sample height h. The inset shows how the shear modulus is obtained by applying a small oscillatory shear strain while varying the axial strain. The black curve is obtained by
cyclic loading-unloading in strain steps of 100 µm, while the red curve was obtained by directly
compressing to ² = 80%. (b) Repeated compression to 80% strain and decompression, showing
the first (black), second (grey) and third (light grey) cycle. (c) Maximum intensity projection of a
stack of confocal images of a fibrin network, acquired over a depth of 10 µm; scale bar, 10 µm.
(d) Normalized network stiffening G 0 /G 00 and residual normal stress σn as a function of the maximum compressive strain ² that the network has experienced. (e) Gap size h and normal force
F as a function of time t during a single compression-decompression cycle. Arrows indicate the
sequence of the compression-decompression steps. Error bars represent standard deviations.

We repeated the compression-decompression experiment for multiple fibrinogen
concentrations. In Figure 5.5a we show the results for four different initial concentration, 0.5 mg/ml, 1 mg/ml, 2 mg/ml and 4 mg/ml. The initial modulus depends strongly
on the fibrin concentration, in line with earlier work revealing a close-to-quadratic dependence [125]. In all cases, the networks soften upon compression and stiffen upon
decompression. In Figure 5.5b we show the ratio of the modulus of the network after
compression-decompression to the modulus of the virgin network, and to the network
at the highest compressive strain (80%). Strikingly, the stiffening ratio with respect to
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the virgin network is highest for low concentration fibrin gels, while the stiffening factor
with respect to the compressed state is highest for high concentration fibrin gels.

Figure 5.5: (a) Shear modulus G 0 as a function of compressive strain ², for fibrin networks with
varying protein concentration. Although the initial modulus strongly differs, the gels show a similar softening response upon compression and stiffening response upon decompression. Arrows
indicate the sequence of the compression steps; the modulus after full decompression is encircled. Error bars represent standard deviations. (b) The ratio of the modulus after a compressiondecompression cycle G 10 to the modulus of the virgin network G 00 , and to the modulus of the net0
work at the highest compressive strain (80%) G 80%
, as a function of fibrin concentration c.

We observed that the stiffening is not completely irreversible under large applied
loads. We applied a logarithmic stress-ramp protocol, similar to the cyclic shear experiment shown in Figure 5.3. The results are shown in Figure 5.6a. We observe that the
loading-unloading of the shear stress was fully reversible up to stresses of 100 Pa. However, when we applied a stress of 1000 Pa, which is well into the nonlinear regime and
close to the point of rupture for this particular gel, the gel became softer upon removal
of the shear stress. Furthermore, by applying a new cycle of compression and decompression, the modulus of the gel can be increased again (see Figure 5.6b). Furthermore,
we observe that although the linear modulus of the gel is increased eightfold, once the
stress-stiffening regime is reached, the shear modulus follows the same trend as a virgin
gel that has not received compressive training.

5.3.2. O PTICAL TWEEZERS
The strong and irreversible stiffening of the fibrin networks upon axial compression suggests that the structure of the network is being remodeled. A plausible hypothesis is that
the fibers form additional bonds during compression, since compression increases the
fiber density and thereby enhances the chance of fiber-fiber interactions. To test this hypothesis, we use a recently developed quadruple optical tweezers assay to directly probe
the interaction between two individual fibrin fibers [277, 307, 308]. Using a microfluidic
flow cell with separate inlets for a dilute suspension of 4.5 µm-sized polystyrene beads,
a dilute solution of fluorescently labeled fibrin fibers, and assay buffer, we first capture
four beads in the traps, then suspend a fibrin fiber between each bead pair, and move
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Figure 5.6: (a) Application of increasing levels of shear stress on a 2 mg/ml network that has beforehand been repeatedly compressed and decompressed (the first three cycles in panel (b)). The
shear stress is initially 0.1 Pa, is then increased to the maximum as indicated by the arrows and the
vertical dashed lines, and is finally decreased back to 0.1 Pa. After the application of 1000 Pa shear
stress, the network softens. Arrows indicate the sequence of the shear steps. In black, the response
to a shear stress is shown of an independently prepared fibrin network, that has not been compressed and decompressed. (b) A fibrin network is first subjected to three cycles of compressiondecompression, then to a shear stress (panel (a)), and finally to a new cycle of compression and
decompression. The stiffness that was lost during the application of a high shear stress is partly
recovered. Arrows indicate the sequence of the compression steps.

the two fibers into the buffer channel. We next bring the fibers in a crossed configuration by rotating one fiber (vertical in the fluorescence images in Figure 5.7), bringing it
underneath the second, horizontally oriented fiber, and finally moving it upwards into
contact with the horizontal fiber. To test whether the fibers spontaneously bond, we pull
on the vertical fiber. As shown in Figure 5.7, pulling on the vertical fiber causes displacement of the horizontal fiber. This observation provides clear evidence that the fibers
spontaneously form bonds when brought in contact. To measure the bond strength, we
monitor the force on the trapped beads. The red curve in Figure 5.7 shows the force as
a function of time on the beads connecting to the horizontal, stationary fiber, while the
blue curve corresponds to the vertical fiber. Each time we pull on the vertical fiber, there
is a corresponding force increase on the horizontal fiber until, at a force of 259 pN, the
uppermost bead is pulled out of the trap. Indeed, we observe consistently (10 independent experiments) that the bead is pulled out of the trap while the connection between
the fibers remains unbroken. As the trap strength is in the range of 300-400 pN, the
tweezers measurements set a lower limit on the strength of the newly formed fiber-fiber
junction of 343 ± 104 pN.

5.3.3. M OLECULAR ORIGIN OF NETWORK RIGIDIFICATION
What is the molecular mechanism of new bond formation? Fibrin fibers are thick bundles of around 100 to 200 (depending on protein concentration, see Chapter 2 of this
thesis) double-stranded protofibrils held together by covalent and noncovalent interactions [277]. We polymerize fibrin in the presence of FXIII, a physiologically important
enzyme that stabilizes blood clots by generating covalent peptide bonds between fibrin
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Figure 5.7: Fluorescence microscopy images (left) and force F versus time t graph (right) for a
typical optical tweezers experiment. Two fibers are crossed and brought into contact using four
optically trapped beads as handles. After the vertically oriented fiber (blue) is brought in contact
with the horizontally oriented fiber (red) (I), there is a force response on both fibers when the
upper or lower bead of the vertical bead pair is moved.

monomers [289, 309, 310]. A possible origin of the spontaneous fiber bonding could be
the creation of new cross-links by fibrin-bound FXIII as the fibers are brought in contact.
To test this idea, we repeated the fiber interaction measurements in the presence of the
specific FXIII inhibitor D004 [289]. We again observed strong fiber-fiber cohesion (Figure 5.8) and consistent with this, we find that inhibition of FXIII cross-linking activity
does not change the extent of network stiffening after compressive loading (Figure 5.9).
We conclude that FXIII induced cross-linking is not responsible for bond formation.
Instead, we propose that bond formation is facilitated by noncovalent interactions,
most likely mediated by the unstructured αC-regions, two long and flexible chains attached to the distal ends of each fibrin monomer [192, 311]. Specific interactions between these chains mediate lateral association of protofibrils into fibers as well as interactions between fibrin fibers [312] (see schematic in Figure 5.10). Evidence from optical
tweezers experiments showed strong interactions of these chains at the single molecule
level [312]. We can estimate the total strength F of a bond between two adjacent fibers
p
mediated by the two juxtaposed brushes of αC-regions as: F = P ∗ f r ∗ ldm ∗ n p ∗2. Singlemolecule force spectroscopy showed that two αC-regions form bonds with a binding
probability P of 62% and an average rupture force f r of 34 pN [312]. The ratio ldm is the
fiber diameter d ≈ 100 nm divided by the length of the fibrinogen monomer, l m = 45 nm
[191], and gives the number of monomers over the length of the interaction area. We
p
multiply ldm by n p , where n p is the total number of protofibrils in a fiber cross-section
(around 180, depending on the fibrin concentration; see Chapter 2 of this thesis), to obtain an estimate of the total number of monomers per interaction area. Finally, the factor
2 takes into account that there are two αC-regions per monomer.
This order-of-magnitude calculation predicts a binding strength of 1260 pN. Is this
number large enough to make bond formation effectively irreversible even when fibrin
networks are subject to a mechanical shear? To test this, we consider that for a 1% de-
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Figure 5.8: Optical tweezer measurement of the interaction between two fibrin fibers in the presence of D004, a specific inhibitor for the cross-linker FXIII. The numbers above the fluorescence
images (left) correspond to time points indicated in the graph (right). The colours refer to the
horizontally oriented fiber (red) and the vertically oriented fiber (blue). The fibers spontaneously
form a strong (>300 pN) bond, indicating that bond formation does not require FXIII-mediated
cross-linking.

ε
Figure 5.9: Compression and decompression of a 1 mg/ml fibrin gel, comparing cross-linked and
uncross-linked networks. The black line shows the response of a control network which is crosslinked by FXIII, while the red line shows the response of a corresponding gel where FXIII-mediated
cross-linking is inhibited by adding D004. The initial sample height of the FXIII-inhibited gel was
0.5 mm; in order to match the compression rate to the other experiments, where the initial height
was always 1.0 mm initial, the compressive speed was adjusted to 0.5 µm/s. Arrows indicate the
sequence of the compression-decompression steps.
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formation of a fibrin network with shear modulus of 1700 Pa (1700 Pa being the average
modulus after a compression-decompression cycle for our networks) we need to apply
a 17 Pa shear stress. Per characteristic area of 1.6 µm × 1.6 µm (where 1.6 µm is an estimate of the pore size, or average area per fiber, based on [155] and Chapter 2) we find
that, to a first approximation, each fiber is subjected to an average force of 44 pN. Thus,
we find that the newly formed connections are much stronger than the forces applied on
the fibers, hence we can consider the new connections to be irreversible.
To directly test the hypothesis that the αC-regions are responsible for fiber-fiber cohesion, we perform experiments on fibrin formed from monomers lacking the αC-region
[256]. First we check the structure of these networks by taking confocal images of fibrin
formed from des-αC monomers and full-length monomers, as shown in Figure 5.11a
and b. While both samples have the same protein concentration (in mg/ml), the fibrin
network formed from full-length monomers contains fewer fibers, indicating that individual fibers are thicker. Note that in both images fibers appear equally thick, as the
fibers are thinner than the diffraction limit of light d = 1.22 ∗ λ/N A = 470 nm, where λ
is the wavelength of the emitted light and N A the numerical aperture of the objective,
such that the thickness of individual fibers cannot be resolved optically.
To overcome this limitation, we performed Scanning Electron Microscopy (SEM) on
specially prepared fibrin samples. Although the preparation requires the samples to be
dehydrated and coated with a layer of metal for electrical conductivity, such that absolute fiber thickness cannot be obtained in this way, we observe a clear difference between
the different fibrinogen species, where again the des-αC monomers produce thinner
fibers (Figure 5.11c and d). Although there is lateral aggregation beyond the protofibril level, fibers remain thinner, consistent with prior SEM data on des-αC-fibrin gels
[271, 272].
We next repeated the compression-decompression experiment with networks formed
from fibrinogen lacking αC-regions. We observed that after polymerization, the linear
storage modulus of the network was significantly lower than for full-length monomers
at the same protein concentration (19.5 Pa versus 207 Pa, respectively), which is another
indicator of a changed structure of individual fibrin fibers, or a reduction in fiber-fiber
cross-linking. We performed the compression experiment with a 20 mm plate-plate geometry with an initial gap size of 0.5 mm, to conserve material. The speed of compression was reduced to 0.5 µm/s to match the rate of the compression experiments on gels
made of full-length fibrinogen. In Table 5.1 we show the results of three measurements
on fibrin gels formed from des-αC-fibrinogen, together with three measurements on
fibrin gels formed from full-length fibrinogen for comparison. The stiffening effect is
strongly reduced compared to full-length fibrin gels, although there is still an increase in
the shear modulus from 19.5 Pa to 35.6 Pa.
There are two possible explanations for the observation that a stiffening effect is
still present. As a population of the des-αC monomers has short αC-regions remaining (on average 0.8 αC-strands per monomer) [256], these might still interact and hence
cause the observed stiffening. Alternatively, as the pore size of the des-αC-gels is smaller
compared to that of fibrin gels formed from full-length monomers, there is a longer relaxation time for fluid efflux after compression. The modulus after the compressiondecompression cycle might not be obtained in steady state (which also could explain the
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large sample-to-sample variability in Table 5.1). In Figure 5.12 the normalized storage
modulus is shown for a fibrin gel formed from full-length monomers and from monomers
lacking the αC-regions, after decompression to the original gap size. For the des-αC-gel,
the relaxation takes significantly longer and is characterized by a larger amplitude, indicating that the increase in stiffness observed after decompression is likely (at least partly)
explained by pressure-induced stresses, rather than network remodeling. Note that we
considered the relaxation of the shear modulus rather than the normal force. Although
the normal force would have been a more direct indicator of reduced water efflux due to
a higher pore size, the sensitivity of the rheometer to vertical forces was not high enough
to resolve the normal force relaxation of the des-αC-gel.

5

Figure 5.10: Schematic of the hierarchical organization of a fibrin fiber, with monomers (right)
forming protofibrils (middle), and protofibrils forming bundles interconnected by the unstructured αC-regions (left).

Intact

des-αC

a

b
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d

Figure 5.11: Structure of 2 mg/ml fibrin gels formed from full-length monomers (left) and des-αC
fibrinogen (right). In (a) and (b) fluorescence microscopy is used to image the gels. Images are
maximum intensity projections of a 20 µm z-stack with a spacing between slices of 0.5 µm. The
intensity of the images is normalized to the maximum value in each image. The scale bar is 10 µm.
In (c) and (d) electron microscopy is used to image the gels. The scale bar is 0.1 µm.
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Sample 1
Sample 2
Sample 3
Average
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Des-αC
G 00 (Pa)
20.9
18.5
18.6
19.5 ± 1.3

G 10 (Pa)
31.7
21.3
53.9
35.6 ± 16.7

Full-length
G 00 (Pa)
G 10 (Pa)
199
1680
198
1588
223
1161
207 ± 14 1476 ± 277

Table 5.1: Values for the elastic modulus G 0 for 2 mg/ml fibrin gels formed from des-αCfibrinogen, directly after polymerization (G 00 ) and after a compression-decompression cycle (G 10 ),
forn des-αC and full-length fibrinogen. The error bar in the lowest row is the standard deviation
obtained from the three independent measurements.
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Figure 5.12: Relaxation of the storage modulus G 0 , normalized to the value at the beginning of
relaxation, as a function of time t for a fibrin gel formed from full-length monomers and from
monomers lacking the αC-regions, after decompression from 80% compression to the original
gap size. Both experiments were performed with a rheometer plate with a diameter of 20 mm. The
acquisition during relaxation of the des-αC sample was briefly interrupted around t = 30 min.
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The observations of new bond formation suggest a mechanism for fibrin network reinforcement by compressive loading. To address this, we develop a computational network
model that allows for new bond formation under deformation [295]. Fibrous networks
are modeled as a 2D triangular disordered lattice with lattice spacing l 0 and dimensions
of 50 l 0 × 50 l 0 . We perform 2D simulations for computational efficiency, which is justified by recent studies showing that subisostatic fiber networks in 2D are surprisingly
predictive of 3D behaviour for the same connectivity z [25]. The average coordination
number is adjusted to a physiologically relevant value of 3.4 to reflect the combination
of branches and cross-links in networks such as fibrin. This is done by a combination
of phantomization, a computational procedure to reduce the local connectivity of triangular networks from 6 to a maximum of 4, and dilution. Similar to the experiments, the
lattices are compressed in steps of 1% from an initial axial strain of 0% to 50% and back
to 0%. The fibers are modeled as elastic beams with a stretching modulus µ and bending modulus κ. We performed simulations for a fixed fiber rigidity, κ̃ = κ/µl 02 = 10−4 , in
the relevant range for fibrin networks. After each (de)compression step, we minimize
the energy of the network and determine the normal and shear stresses from the variation of the energy with strain. Periodic, Lees-Edward boundary conditions are used to
minimize boundary effects.
To allow for network remodeling, we introduce a single midpoint between adjacent
network nodes and allow two midpoints to merge into one node when applied deformations force them to approach one another to within a predetermined capture radius
d , which we will refer to as the remodeling distance. In our simulations we choose
d = 0.01 l 0 . Figure 5.13a illustrates a merging event in half a unit cell of the lattice.
The additional bond is added at the point indicated by the grey arrows. The bend and
stretch moduli for the fiber segment shown by the thick vertical line both change by a
factor of 2. The capture radius d does not really correspond to a new structural parameter but primarily controls the probability of bond formation. In developing the model,
we confirmed this by varying independently d and a separate binding probability, with
no significant differences between these two control parameters. In our simulations we
choose d = 0.01 l 0 to ensure sufficiently dilute new bond formation to be consistent with
the degree of stiffening observed experimentally. Higher values of d increased the probability of new bond formation and were found to lead to higher levels of stiffening at
lower levels of compression, although the results were otherwise qualitatively consistent
with our experiments.
A typical remodeling event during the first steps of compression is highlighted in Figure 5.13b, which shows a zoomed-in section of a simulated network. A non-trivial combination of bending and stretching of individual fibers brings two midpoints to within
the remodeling distance, encircled in grey. With increasing compressive strain, the simulations predict an initial softening, followed by stiffening when the axial strain reaches
ca. 30% (Figure 5.13c, black circles). Upon decompression to the initial network height,
the simulations reveal a strong increase of the shear modulus by a factor 140, while the
density of nodes has increased by only a factor 1.32, suggesting that high levels of stiffening are possible with only a modest increase in cross-linking. We find good qualitative
agreement with experiment in the dependence of both the normal stress and shear mod-
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Figure 5.13: (a) Half a unit cell of our simulated fibrous lattice. Under compression (black arrows),
two nodes within a remodeling distance d = 0.01 l 0 merge (grey arrows). (b) A small section of a
simulated network during compression, shown up to the moment where the first merging event
occurs (encircled in grey). (c) Shear modulus (black) and corresponding normal stress (grey) as a
function of compressive strain for a simulated network (κ̃ = 10−4 ), and (d) a fibrin network. Both
vertical axes are normalized by the initial shear modulus. Arrows indicate the sequence of the
compression-decompression steps. Error bars represent standard deviations.
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Figure 5.14: Shear modulus, normalized by the shear modulus of the virgin network, as a function of compressive strain for a simulated network (κ̃ = 10−3 , d = 0.001). The stiffening is lower
than in Figure 5.13 due to the lower value of the remodeling radius d . Another consequence of a
low value of d is a relatively noisy signal since the number of new bonds is very small: an average
increase in cross-linker density of 1.3% in two runs of the simulation. To reduce noise, we averaged all data points within 5% strain intervals. Arrows indicate the sequence of the compressiondecompression steps.

ulus on compressive strain, as shown in Figure 5.13d.
The extent of stiffening observed in simulations is sensitive to the remodeling distance d : for a ten-fold decrease in d (d = 0.001 l 0 ) the stiffening factor is ∼10-fold (Figure 5.14), consistent with what we observe experimentally for fibrin networks. Importantly, this level of increase in stiffness is accompanied by only ∼1.3% increase in crosslink density. To verify this, we performed confocal imaging on a network (1) at rest, (2)
under compression and (3) after decompression (Figure 5.15). We indeed observe no
pronounced difference between the network structure before compression and after the
compression/decompression cycle, confirming the theoretical prediction that stiffening
occurs with only a small increase in cross-linker density.
From the simulations, we obtain further insight into the mechanism of stiffening by
considering the normal (axial) stress. New bond formation under compression is accompanied by a change in the relaxed state of the sample. After compression, the sample is
returned to its initial height (Figure 5.4a schematic). As this is done, we observe the
development of tensile normal stress in the decompressed network (Figure 5.13c, grey
circles). Our experiments exhibit similar normal stress behaviour, as shown in Figure
5.13d. In our simulations, we can identify this tensile stress as arising from tensile forces
in the decompressed network, resulting from the newly formed bonds. Thus, the residual axial stresses in the decompressed state are consistent with contractile forces acting
on the initial network.
To test whether these contractile forces can account for network stiffening in our
computational model, we plot in Figure 5.16 the relative increase in shear modulus against
the residual normal stress for networks exposed to different levels of axial strain (open
symbols). Interestingly, we find not only a strong correlation between the normal stress
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Figure 5.15: Confocal microscopy under compression. Left column: x-y projections of a confocal
recording of 4 µm depth with a spacing between slices of 0.16 µm; right column: 4 µm x-z projections of a confocal recording of 4 µm depth. The applied compressive strain is indicated above the
respective images. In the right column, the glass cover slip (i.e., the bottom surface, nearest to the
objective) is located at the top of the projection. During decompression, a small residual strain of
3% remained, due to glass bending. We observe no pronounced change in network structure after
compression-decompression, confirming that only a small fraction of new bonds is created. The
scale bar is 10 µm.
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5

and the increase in network stiffness, but this relationship is characterized by a sublinear
or fractional power-law with exponent ' 0.5. Such a fractional power-law dependence
is also observed in our experiments (filled symbols). Importantly, since both axes have
been normalized by the initial linear shear modulus before compression, which can be
independently determined in simulation as well as experiment, this provides a direct
quantitative comparison between our experiments and our computational model: there
are no adjustable parameters in this plot. While there is a small systematic difference
between the simulations and experiments, both show a clear and consistent sublinear
behaviour with exponent ' 0.5 − 0.6.
The simulations demonstrate the role of the new bonds formed by compressive training is not simply to provide new network constraints. Rather, the new bonds cause stiffening because they provide contractile forces. It is well-known from previous theoretical
work that fibrous networks are highly nonlinear in their elastic response [1, 2, 15, 135,
313], so even dilute contractile force centers in the network can result in a significant
change in the macroscopic network response. In prior work, this effect was demonstrated for the case of active contractile centers provided by molecular motors [29, 295].
Here we show a new mechanism by which the same effect can occur in a purely passive system without motors. Network compression effectively creates contractile centers
since new bonds that are formed in the strained state get extended when the network is
decompressed. Specifically, it was recently predicted that randomly distributed contractile forces in subisostatic networks such as ours can result in a sublinear increase in G 0
with contractile stress [29]. While that work aimed to address stiffening by molecular
motors, an increase in G 0 ∼ σ y with contractile stress σ was found, with exponents y
ranging from 0.6 − 0.8 depending on network connectivity z. For z ' 3.4, comparable to
what we expect for fibrin networks, y ' 0.6 was found, which is consistent with a fit to
our experimental results in Figure 5.16.

σ

σ

Figure 5.16: Relative increase in the shear modulus with normal stress for a fibrin gel (black
squares) and a simulated network with κ̃ = 10−4 (open circles) trained by compressing to different
levels of axial strain (up to 80% and 50%, respectively). The initial network parameters (G 00 , σn,0 )
are subtracted, and the data are normalized by dividing by G 00 . We find power-law scaling with a
slope between 0.6 (black line) and 0.5 (dashed line), only to guide the eye. Error bars represent
standard deviations.
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5.4. C ONCLUSIONS
We find that networks of cohesive fibers stiffen under cyclic shear or compressive loading
and that this can be understood by the formation of new bonds between fibers while the
network is deformed, which generate contractile forces upon network unloading. Compressive deformation appears to be a particularly effective way to reinforce networks
compared to tensile and shear loading [277, 314, 315], perhaps due to increased contacts formed when fibers buckle under compression. We identified the αC-regions on
the fibrin monomer as the structural component responsible for the strong fiber-fiber
cohesion. Our computational model shows that the rigidity of fibrous networks can be
tuned over a wide range as a consequence of the inherent sensitivity of the stiffness of
fibrous networks to mechanical stress. This behaviour provides a powerful way to program fibrous networks and tune their stiffness to diverse mechanical loading requirements. We expect this finding to be transferable to both tissue scaffolding proteins like
collagen [281], and to cell scaffolding proteins like actin, which forms fiber bonds via
cross-linking proteins [316]. In the latter case, remodeling emerges from redistribution
of diffusible cross-linkers rather than from the formation of contacts between intrinsically cohesive fibers [278].
Since our minimal model shows that the only ingredient needed to achieve programmable mechanics is fibers that are stiff and cohesive, this bioinspired design principle can be readily carried over to synthetic self-reinforcing materials using any of a wide
range of available synthetic fibers, including carbon nanotubes and cellulose nanofibrils
[317–319].
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6
D ESIGNING AND BUILDING A LIGHT
SHEET MICROSCOPE
Hey, is your setup slow?
And does your dye bleach fast?
Those are confocal
microscopy’s feat.
Now try detection with
orthogonality!
Take all your z-stacks
in just a heart’s beat.

In recent years, the inelastic mechanical behaviour of biopolymer networks has sparked
widespread interest, in addition to the elastic behaviour of these networks. To uncover the
structural changes in the network that underlie the inelastic mechanical behaviour, long
time-lapse imaging needs to be performed, in conjunction with mechanical deformation.
Conventional (confocal) fluorescence microscopy has a relatively high rate of photobleaching, limiting the possibility to capture a dynamic structural response to a (mechanical)
stimulus. In this Chapter we overcome this fundamental limit of confocal microscopy by
designing and building a light sheet microscope. In addition to reduced photobleaching,
we also achieve high acquisition rates of 25 frames/s while taking a 3D stack, allowing
both high frame rates and long time series. Finally, to study the structural response of the
network to strain, we include a tensile tester in our microscope design.
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6. D ESIGNING AND BUILDING A LIGHT SHEET MICROSCOPE

6.1. I NTRODUCTION
HE elastic properties of biological fibrous materials have been widely studied over
the past decades, both by experiment and theory. Recently, there has been a growing
recognition that biological materials also exhibit inelastic behaviour, which is crucial for
their function. For example, inelasticity of the cytoskeleton plays a role in mechanosensing [320], force exertion [321], cell shape change [322] and cell division [323], while inelasticity of the extracellular matrix influences e.g. cell spreading and differentiation
[324–326]. To experimentally capture the dynamics of these inelastic processes, one
needs to perform long time-lapse imaging at a high acquisition rate. Using conventional
confocal fluorescence microscopy, high-frequency imaging poses a challenge: as this
technique is based on the detection of a single illuminated point, imaging a 3D volume
in high resolution requires scanning many individual points, which results in a relatively
long acquisition time. Furthermore, although every point is illuminated by the focused
laser beam only once, there is a much weaker, but continuous illumination from the outof-focus light, causing photobleaching of fluorophores while discarding the fluorescent
signal. This limits the total number of frames that can be acquired.
An alternative to confocal fluorescence microscopy is Selective Plane Illumination
Microscopy (SPIM). Although the first use of this technique dates back to 1903 in the
field of granular matter [327], it was not further developed until in the past decade the
technique was adopted by the developmental biology community [328, 329]. The principle of this technique is that instead of illumination of a single point, an entire plane
is illuminated. Detection of the fluorescence light is performed orthogonal to the plane
of illumination with a regular CMOS camera (see Figure 6.1a). Subsequent scanning in
order to obtain a 3D image needs only to be performed in one direction. This has two
imminent advantages, namely that every acquisition step captures the fluorescence of
an entire plane rather than a point, reducing acquisition time, and as the light sheet is
focused, there is no out-of-focus luminescence, reducing the number of photons every
fluorophore receives and thereby the rate of photobleaching.
However, the principle of orthogonal excitation and detection also has drawbacks.
Firstly, the fact that two objectives are needed that face the sample orthogonally poses
a geometrical challenge. High-numerical aperture (NA), high-magnification objectives
tend to have a short working distance and a low inclination (<45°). This poses two possible problems: the objectives will get in each other’s way, and the working distance may
become too short. This is sketched in Figure 6.1b, with a combination of two objectives
suitable for light sheet microscopy. There are setups with orthogonal illumination and
detection using a single objective [330–334], although each of these setups have their individual drawbacks. The second consideration is the finite thickness of the light sheet.
The light sheet can be created in multiple ways. The simplest is a so-called Gaussian
sheet profile. This is obtained by using cylindrical lenses that focus light in only one
direction, reducing a bundle’s dimension in that direction but not orthogonally. Afterwards, the illumination objective focuses the sheet on the sample, reaching a sheet
thickness (thinness) d s that is maintained over a length l s given by [329]:

T
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ds =

2λ
πNA2

(6.1)

6.1. I NTRODUCTION

151

and
ls =

2λ
πNA

(6.2)

with λ the wavelength of the illumination light and N A the numerical aperture of the
objective. Hence, there is a trade-off between the thinness of the sheet, and the length
over which this is maintained, which is determined by the objective. For comparison,
the axial resolution in confocal microscopy is given by the height of the point-spread
function [87]:
0.88λ
(6.3)
Axial resolution =
p
n − n 2 − NA2
which is smaller than d s for any objective1 , where n is the refractive index of the immersion medium. An alternative is the Airy sheet, which is created by modulating a Gaussian
sheet with a spatial light modulator (SLM) [335] or using conical lenses [336]. Although
with comparable objectives, the waist of an Airy sheet is thicker than a Gaussian sheet, it
maintains its thickness over a longer length. Also in a Bessel sheet profile, which can also
be created with a SLM [335], or conical lenses [337], the sheet is thicker than an Gaussian
sheet, yet the profile is maintained over a longer distance.
Here we report the design and development of a SPIM microscope based on the
OpenSPIM initiative [338]. We specifically aim to image turbid fibrin gels, which poses
a challenge that we overcome by illumination from two sides [339]. We adapt the design in order to combine it with a tensile tester, to enable in situ imaging of the effect of
mechanical deformation on the network structure, imaging both the fast, elastic and the
slow, inelastic response. We chose to use two objectives for illumination and detection,
since a single objective imposes strong limitations on the sample holder. Furthermore,
we kept the optical path simple by using a Gaussian sheet instead of an Airy or Bessel
sheet profile since the high optical density of the sample does not allow imaging deep
into the sample, eliminating the need for a sheet with a profile that is maintained over a
long distance.

1 An objective with a NA of at least 0.95×n would be required to match the light-sheet thickness to

the height of a point-spread function, which, according to Eq 6.2, would be maintained over only
a short distance.
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a

b

Figure 6.1: (a) A schematic representation of the principles of light sheet microscopy (Selective
Plane Illumination Microscopy). The objective on the right sends a focused light sheet (magenta)
into the sample (cyan block), which induces fluorescence (green) in a 2D plane in the sample.
This is detected by the second objective (left). (b) An illustration of the requirements posed to
objectives in a light sheet setup. The working distance of the objectives is illustrated by the dashed
line, the grey circle represents a top view of the sample.
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Our design is based on the open-source OpenSPIM initiative [338]. The website provides
a detailed description of the components needed to design a light sheet microscope,
and also instructions on how to assemble the components into a working setup. The
design of the setup is shown in Figure 6.2, both as top view and side view. Our main
adaptation is the use of two-sided illumination [339], and a sample clamp in the x yplane (both shown in Figure 6.3a). As the sample clamp limits the access to the sample
for the detection objective, we perform orthogonal detection by placing the detection
objective underneath the sample, by drilling a hole in both the optical board and the
sample cell.
In Figure 6.2 the optical elements in the setup are annotated, and discussed below.
The laser beam (1) is split by a beamsplitter (2) into two identical paths. First, two lenses
(with focal length f = 25.0 mm and f = 50.0 mm, (3) & (4)) expand the collimated laser
beam. Next is a mechanical slit with adjustable width (0 to 6 mm, with a graduation of
10 µm per division on the micrometer screw (5)) that cuts off the top and bottom part
of the expanded beam. Using a cylindrical lens ( f = 50.0 mm (6)), we create light sheets
with a Gaussian beam profile. The cylindrical lens focuses the sheet only in the vertical direction, such that the sheet remains unfocused in the horizontal plane. Another
lens ( f = 50.0 mm (4)) is used to make a collimated sheet fall onto the back focal plane
of the illumination objective (10× magnification). As our samples are water-based, we
designed a sample chamber that holds the sample in an aqueous environment. The illuminated slice in the sample is in the focus of a 40× detection objective. The fluorescence
light that is captured by the detection objective is then focused by a lens ( f = 200.0 mm
(9)) onto the detector (11), first passing through a 500 nm longpass filter (10) to remove
any scattered laser light.
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The components used in the setup are as follows:
• Illumination is provided by a MLD Cobolt 488nm 60mW laser (Laser 2000, Vinkeveen,
the Netherlands) (1)
• Objectives are two Nikon MRH07120 CFI Plan Fluor 10x W (illumination) and a
Nikon MRD07420 CFI Apo 40x W NIR (detection), where the “W” indicates “water
dipping” (Nikon instruments Europe, Amsterdam, the Netherlands)
• z-stage MCL Nano-ZL100 (Mad City Labs, Kloten, Switzerland) (7)
• xy-stage MCL XY-Microstage (Mad City Labs, Kloten, Switzerland) (8)
• Camera Hamamatsu Orca Flash 4.0 with an extension kit (commercially available
from Hamamatsu) that enables acquisition of full-frame images at a frame rate of
100 Hz (Hamamatsu Photonics, Almere, the Netherlands) (11)
• Sample cell is milled from a block of poly(methyl methacrylate) (PMMA), and is
shown in Figure 6.3. Three holes have been drilled in the sample cell: two at the
side for the illumination objectives, and one in the bottom for the detection objective. Rubber rings are used to seal the holes and prevent leaking of the sample
cell.
• Tensile tester Deben Microtest 200N Tensile stage with a 2N loadcell with a force
resolution of 1 mN, and a total travel distance of 20 mm (Deben, Suffolk, United
Kingdom). The tensile tester is shown in Figure 6.4, together with the adapter to
mount it on the z-stage.
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Figure 6.2: A drawing of the design of the light sheet microscope, showing both the top view (left)
and the side view (right). The optical component annotated in the drawing are discussed in the
text. The dimensions of the breadboard are 62.5 × 62.5 cm.
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a

b

Figure 6.3: (a) A drawing of the sample cell with two-sided illumination, without the x y-stage and
z-stage that would normally cover it. The sample clamps are shown in blue, and the sample itself
in dark green. A hole is drilled in the light green plateau underneath, containing the detection
objective. (b) A photograph of the sample cell, with the two illumination objectives inserted.

6
a

c

b

Figure 6.4: (a) The tensile tester with a fibrin gel clamped on two ends, (b) the adapter that holds
the tensile stage on top of the z-stage, and (c) the tensile tester attached to the adapter.
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6.2.2. E LECTRICAL CIRCUIT
In order to acquire three-dimensional images, image acquisition needs to be alternated
by movement of the sample through the light sheet. The timing of this process is orchestrated by the camera. The camera sends a Start Of Frame-signal to the NI-DAQ board
(National Instruments, Woerden, the Netherlands). The NI-DAQ-board sends an analogue signal to the z-stage to move to the vertical position where the first image will be
taken. Although the real-time position of the z-stage is recorded, this signal is not used
to determine when the image acquisition should start. Instead, 35 ms after the signal
is sent to the z-stage, a signal is sent to the laser to turn on. The response time for the
laser power to build up is specified to be shorter than 300 ns, which can be considered
instantaneous in our experiment. At this moment, all pixels of the camera are exposed
(the camera works with a rolling shutter), for a duration specified by the user (typically
around 10 ms). At the end of the exposure, a signal is sent to the laser to turn off, the
camera chip is read out, and a new Start Of Frame-signal is generated.
The communication between the user and the electronic components of the setup
is mediated by home-written acquisition software, written in C#. It allows the user to
set the acquisition time per frame, the number of steps in z and the step size for the
acquisition of 3D images, as well as the laser power and the position of the x y-stage.
When setting a new position of the piezo stage, there is an instantaneous response
of the driving voltage, but a delay is observed in the actual position of the stage, originating from the inertia of the stage and the sample holder. The stage thus acts as a
damped spring, and hence we can use the input signal to optimize the time with which
the stage positions reaches its set position. We chose to overshoot (damping less than
critical damping) as this brings the stage earlier near the set position, even though there
is some ringing in the position afterwards. For optimal performance, we tuned the piezo
with a 770 g load (sample holder) and a 1 µm step to have a maximum of 5% overshoot:
we reach in 10.5 ms the set point within a 5% accuracy. An example of the driving voltage and the actual stage position is shown in Figure 6.5 for a series of 1 µm steps in
z. Furthermore, we chose to operate the z-stage in closed-loop mode since this mode
has lower drift and allows the position of the z-stage to be recorded, at the expense of a
slower system compared to open-loop mode.
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Figure 6.5: z-position of the sample stage, both the input signal (black) and the reported position
of the piezo stage (red). A protocol is applied where every 40 ms a 1 µm step in z is applied. For
this experiment, the exposure time of the camera is 5 ms (the grey areas), while the time for the
sample stage to reach its new position is 35 ms.
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6.2.3. S AMPLE PREPARATION
Human plasma fibrinogen (Plasminogen, von Willebrand Factor and Fibronectin depleted) and human α-thrombin were obtained in lyophilized form from Enzyme Research Laboratories (Swansea, United Kingdom), and fibrinogen labeled with the fluorophore Alexa488 from Life Technologies (Eugene, OR, USA). All chemicals were obtained from Sigma Aldrich (Zwijndrecht, The Netherlands). Fibrinogen (lyophilized in
20 mM sodium citrate-HCl buffer at pH 7.4) was dissolved in water at 37°C for 15 min to
its original concentration (approximately 13 mg/ml) and dialysed against fibrin buffer
containing 20 mM HEPES and 150 mM NaCl at a pH of 7.4 in order to remove citrate,
which complexes with Ca2+ ions that are required for FXIII and thrombin activity. A
dialysis membrane with a Molecular Weight Cut-Off (MWCO) of 10 kD was used. 50 ml
of sample was dialysed against 1 L of buffer, under continuous stirring. After one hour
of dialysis at room temperature, the buffer was replaced, and after another hour, the
buffer was replaced again. The third dialysis step was performed at 4°C overnight. After dialysis, the fibrinogen solution was aliquotted, snap-frozen in liquid nitrogen and
stored at -80°C. The monomer concentration was checked by spectrophotometric measurements of the absorbance at 280 and 320 nm using a Nanodrop 2000 spectrophotometer (Thermo Scientific) and using an extinction coefficient of 16.0 mg/(ml cm) [51]
at 280 nm. The absence of absorption at 320 nm indicates that no aggregates are present.
The final fibrinogen concentration was typically around 10 mg/ml. Prior to use, the fibrinogen was quickly thawed at 37°C, and then diluted and mixed with 500 mM CaCl2 at
room temperature to a final assembly buffer containing 20 mM HEPES, 150 mM NaCl
and 5 mM CaCl2 (“coarse clots”).
Thrombin (lyophilized in 50 mM sodium citrate and 0.2 M NaCl) was, on ice, reconstituted in water to its original concentration (approximately 10,000 U/ml), and quickly
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aliquotted, snap-frozen in liquid nitrogen and stored at -80°C. Assembly was initiated by
the addition and quick mixing of 0.5 U/ml of thrombin from a 20 U/ml thrombin stock,
kept on ice for a maximum of 24 hours. After addition of thrombin, the mixture was
quickly transferred by pipetting into a custom-made Teflon mould with pieces of Velcro
at both ends to clamp the gel (Figure 6.6), to allow in situ polymerization overnight at
room temperature, in a moist environment to prevent evaporation.

Figure 6.6: A photograph of a Teflon mould filled with a sample, with pieces of Velcro (black)
embedded in the gel on both ends, to enable clamping in the sample holder.

6.3. R ESULTS
First we determine the height of the light sheet by imaging a glass cube (a beamsplitter)
that is held under an angle of 45° in the light sheet. The reflected light is captured by the
camera. We draw a line profile through both reflections, and fit the intensity peaks with
Gaussian functions (Figure 6.7). Since we hold the glass
p cube under an angle of 45°, we
need to multiply the fitted width of the Gaussian by 1/2. We thus find a sheet height of
6.2 ± 1.0 µm.

Intensity (a.u.)

250

200

150

100
0

100

200

300

Position (um)

Figure 6.7: A cube of glass, held under an angle of 45°, was imaged from both sides with light
sheets. The reflections on both sides of the cube were imaged, and a line profile (black) is shown
here. The intensity peaks caused by the reflections are fitted with Gaussian functions (red).
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Figure 6.8 shows a single slice from a z-stack of a 2 mg/ml fibrin gel, fluorescently
labeled in a 1/10 molar ratio with labeled fibrinogen monomers. In this image, illumination is from the left side only. As a consequence, the illumination sheet is scattered
once it reaches the right side of the image, which results in a large volume of the sample
that is fluorescently excited, removing any detailed structure. Hence, when imaging turbid materials, either two-sided illumination should be used, or thin samples, such that
scattering of the sheet can be neglected over the width of the sample.
In Figure 6.9a we show an image of a 2 mg/ml, fluorescently labeled fibrin gel, imaged from both the left and the right side. We used a filament tracking software to track
the fibrin fibers in this image [234]. In Figure 6.9b we show the same image overlaid with
the tracked filaments. Using the tracked filaments, we calculate the two-dimensional
nematic order parameter (Eq. 4.51), and find a value of 0.08. This lies close to the expected value of zero for a network of completely randomly orientated filaments, that we
expect for an undeformed network.
In Figure 6.10a we use a 3D-stack of x y-slices to reconstruct the xz-plane. We observe that close to the surface of the gel (at the bottom of Figure 6.10), individual fibers
can be distinguished, even though the resolution in z is worse than in x y. However,
deeper into the sample the image becomes more blurred, since the fluorescence light
has to travel a longer distance through the turbid gel. Moreover, the difference in resolution in x y and z hinders fiber tracking and network skeletonization.
Finally, in Figure 6.11a and b we show images of a 2 mg/ml, fluorescently labeled
fibrin gel, under 50% and 100% applied tensile strain, respectively. Unlike Figure 6.9a,
individual fibers are no longer visible, but instead, we see a relatively homogeneous fluorescent signal, suggestive of a collapse of the network. There are indeed two strong
indications of network collapse. Firstly, the network has become thinner, indicating the
expulsion of water. Secondly, the density of aggregates of fluorescent material is much
higher than for the unstrained gel. Both observations indicate that the volume of the fibrin gel strongly decreased with increasing tensile strain, in line with the data presented in
Figure 4.5. In addition, we now learn that the solvent expulsion also occurs in an aqueous environment. The effect could be rate-dependent [340], although we did not test
multiple rates.

Figure 6.8: SPIM image of a 2 mg/ml fibrin gel, polymerized using fibrinogen mixed with fluorescently labeled fibrinogen in a 9:1 ratio. Illumination is from a single side (left), with 5 ms exposure.
Some aggregates of fluorescently labeled fibrinogen are visible as bright spots, as well as broader
circles from out-of-focus aggregates. The scale bar is 50 µm.
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Figure 6.9: SPIM image of a 2 mg/ml fibrin gel, polymerized using fibrinogen mixed with fluorescently labeled fibrinogen in a 19:1 ratio. Illumination is from both sides, with 5 ms exposure. Some
aggregates of fluorescently labeled fibrinogen are visible as bright spots. The scale bar is 20 µm.
(a) shows a single slice of the microscopy image, while (b) shows the image overlaid with filaments
tracked with SOAX [234]. From the coordinates of the tracked filaments in this image we calculated
the nematic order parameter, which was found to be 0.08.
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Figure 6.10: (a) The xz-plane of an unstretched 2 mg/ml fibrin gel, reconstructed from a SPIM 3D
stack of x y-slices. The depth in z was 40 µm with a 1 µm step size, starting just above the boundary
of the gel (see cartoon on the right). The contour of some filaments seems to be a wave, which is
due to the fact that the setup is not standing on a damped surface. The scale bar is 10 µm. (b)
A sketch of the geometry of the sample and the light sheet. The detection objective is positioned
underneath the sample. The bottom of the gel is at z = 0 µm, the top of the gel (also being the
upper side in (a)) is 40 µm deep in the sample.
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Figure 6.11: Single slices of a SPIM image of a 2 mg/ml fibrin gel, polymerized using fibrinogen
mixed with fluorescently labeled fibrinogen in a 29:1 ratio. Illumination is from both sides. The
scale bar is 20 µm. (a) shows the gel under 50% extensile strain, (b) shows the gel under 100%
extensile strain. The direction of strain is indicated by an arrow. In both cases, the fibers that
comprise the network seem to have collapsed to a structure with a very high density, such that
individual fibers are no longer visible.
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6.4. C ONCLUSION AND O UTLOOK
In this Chapter we reported the design and development of a fluorescence light sheet
microscope. We combined the setup with a tensile tester, to enable in situ imaging of
the effect of mechanical deformation on the network structure. By using two-sided illumination, we were able to illuminate the sample without substantial scattering of the
sheet. We were able to identify individual filaments in a fibrin gel using filament tracking
software, demonstrating that light sheet microscopy can provide images with sufficient
quality to allow quantitative image analysis.
In this Chapter we focused on the design of the setup and the instantaneous response
of the fibrin network to deformation. In future work, the capability of this setup to perform long-term imaging in conjunction with mechanical deformation can be used. This
extends both to the inelastic response of the fibrin network itself [174, 277, 281] and also
to the effect of fibrin degrading proteins [341–345], especially since their activity is presumed to be dependent on the strain of the network [276, 346]. Moreover, since the
sample resides in an aqueous environment with little photobleaching, the setup is also
suitable to study cell-matrix interactions [300, 347, 348].
The work presented in this Chapter was made possible thanks to the technical support of several departments at AMOLF. In particular I thank Marko Kamp for discussions and help with the optical components and aligning the setup, Marco Konijnenburg and Marco Seynen for designing the acquisition software, Erik Clay and Duncan
Verheijde for their work on connecting all electronic hardware and designing a triggering system, Dirk-Jan Spaanderman for designing the setup based on our specifications
and the existing blueprints, and the workshop for creating all custom-made parts.

7
S UMMARY AND O UTLOOK
Physics! Biology!
What have we learned today?
Just read the summary;
that will just do.
Although this project was
Machiavellian
I have enjoyed it,
I hope you got through!

In this Chapter I summarize the main results of this Thesis. I also give a short outlook of
follow-up research, based on pilot experiments performed during my PhD, that are not
included in a more complete form in this Thesis.
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7.1. S UMMARY
HE focus of this Thesis was on the mechanical and structural properties of fibrous
materials found in nature. Specifically, we focused on fibrin, the main structural
component of a blood clot: a biological material that is essential for survival, since it
stops the flow of blood through a vascular breach. Its mechanical rigidity originates
from a network of fibrin fibers, which assemble through an enzymatic cascade from
monomers into protofibrils, fibers and finally the macroscopic network. Interestingly,
this network performs its function at a low protein density, yet it is able to withstand
large stresses and deformations without rupture. So far, the origin for this remarkable
mechanical behaviour has been poorly understood. Until now, our understanding of
the mechanical behaviour of fibrin gels was based on models of semiflexible filaments,
ignoring the internal structure of the fibrin fibers and their ability to engage in (noncovalent) interactions, as well as ignoring the solvent that permeates the network.
In this Thesis, we asked the question how the complex structure of fibrin and its constituent fibers, protofibrils and monomers relate to the network’s complex mechanical
properties. To answer this question, we first implemented three existing light scattering
models [51–53], to obtain quantitative information on the fiber radius and fiber mass
density. We improved these models by including the contribution of wavelength dispersion of the refractive index of the solvent and the differential refractive index. We
also implemented the use of a power spectral density analysis to obtain from confocal
microscopy images the network’s fractal dimension, which is an input parameter in an
advanced light scattering model that takes the network structure into account. The light
scattering analysis we developed allows us to quantify the structural properties of fibrin
fibers, which is a prerequisite to interpret mechanical data. The analysis is also useful
for a much broader class of fibrous networks.
We then considered three different, unaddressed mechanical aspects of the fibrin
gel: (1) the role of the solvent and its coupling to the fiber network on the mechanical
properties of the fibrin gel; (2) changes in structure at different length scales that occur
when fibrin networks are exposed to mechanical deformation; and (3) remodeling of the
fibrin network through fiber-fiber interactions.
Starting at the macroscopic length scale of the fibrin clot, we demonstrated that the
fibrin network and the solvent are coupled on short time scales, set by the elastic modulus and the pore size of the fibrin gel, the viscosity of the solvent, and the macroscopic
dimensions of the gel, rendering the network effectively incompressible. Yet on long
time scales, the network and solvent are decoupled, such that deformation of the network can occur without solvent movement. Using a combination of experiments and
theory, we demonstrated the two-fluid character of the fibrin gel during compression of
the network, and also during shear, which is intrinsically a volume-conserving mode of
deformation. Under shear deformation, we observed that the direction of the normal
stress in response to applied shear stresses is either positive or negative, depending on
the coupling between network and solvent. Our findings resolve an apparent paradox
between biopolymer networks and synthetic networks, where the former exhibit a negative normal stress and the latter a positive normal stress in response to a shear stress.
We demonstrated that both classes of materials are capable of exerting both positive and
negative normal stresses, if probed on the right time scale.
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So far, the fibrin network was still considered a uniform elastic material, without any
hierarchical structure in its constituents. We demonstrated, using a combination of in
situ microscopy and X-ray scattering, that to understand the full mechanical response
of fibrin networks to shear deformation, the orienting effect that shear has on rod-like
particles is not sufficient. At small strains of a few percent, before this orienting effect
starts to play a role, the stretching of entropic undulations in the fibrin fibers causes network stiffening. At large strains, the mechanical response of the network is dominated
by stretching of the fibers themselves, which we showed is facilitated by the stretching
of the unstructured αC-regions of the monomer, rather than unfolding of the coiled-coil
regions, an idea that dominates the current opinion in literature.
Next, we showed that the constituent fibers that form the network can form new
bonds with each other when brought in close contact, in particular during compression
of the network. We demonstrated that the αC-regions that are attached to both ends of
the fibrin molecule, can interact with the αC-regions of monomers in adjacent fibers.
The bonds that are formed this way require a high force to be disrupted, such that these
bonds are stressed but not broken when an initially compressed network is brought back
to its original configuration. This built-in stress is in turn responsible for an increase of
the network stiffness, which can be finely tuned by controlling the amount of applied
compression.
Finally, we presented the development of a fluorescence light sheet microscope in
combination with a device that can stretch fibrin gels, to enable in situ imaging of the
effect of mechanical deformation on the network structure, allowing both the fast, elastic
response and the slow, inelastic response to be captured.
In conclusion, this research provides a better understanding of the structure-function
relation of fibrin networks, which is essential for understanding fibrin’s role in hemostasis, thrombosis, and wound healing. We have demonstrated that the mechanical behaviour of fibrin networks originates not only from an assembly of ideal, semiflexible
polymers, but rather from a set of hierarchically ordered filaments that can stretch, but
also interact with each other, and that is surrounded by an incompressible solvent that
couples to the network and grants it high rigidity on short time scales. Moreover, this research also provides new handholds in the directed search and design of materials with
specific mechanical properties. In a broader context, this Thesis illustrates how Nature
adopts an extensive toolbox of physical principles to optimally perform in the challenging environment we call Life.

7

164

7. S UMMARY AND O UTLOOK

7.2. O UTLOOK
The results reported in this thesis not only answer questions, they also raise new questions. For instance, the observation in Chapter 3 that fluid permeation plays a key role
in the mechanical response of the fibrin gel raises the question whether the (linear) response in shear differs from compression, due to the fact that the former mode of deformation is volume-conserving, while the latter is not. Furthermore, in Chapter 4 our
rheological results suggest that strain-stiffening is simultaneously affected by fiber alignment and by changes in molecular packing of the fibers. Is it possible to disentangle
these effects by measuring the stress-strain response of individual fibers? In this Section
we show, using a combination of shear and extensional rheology, that the linear shear
and extension moduli strongly differ for fibrin gels, due to the induced solvent flow in extensional rheology. We also show optical tweezers measurements on single fibrin fibers
to determine their elastic and inelastic mechanical behaviour.

7.2.1. A XIAL AND SHEAR SUPERPOSITION RHEOLOGY

7

In Chapter 3 we have shown that the coupling between the fibrin network and the solvent
plays a crucial role in the time-dependent mechanical behaviour of a fibrin network under applied load. Since water is incompressible and is, by far, the main component of the
fibrin network, the whole network is effectively rendered incompressible on time scales
shorter than the typical time for solvent efflux, while the network is compressible if solvent is able to flow out on the time scale of deformation. We have shown that the typical
time scale differs for shear and compressive deformation, since the distance differs over
which the fluid flow takes place. In this Section we will report simultaneously performed
axial and shear rheology on a fibrin gel. This allows us to demonstrate on a single sample
that the elastic moduli in shear and extension strongly differ, as a result of the different
time scales associated with shear and axial deformations. This is analogous to the difference in shear and elongation viscosity, which is a factor 3 for Newtonian fluids, while for
non-Newtonian fluids this factor deviates from 3 and becomes rate-dependent [349].
The principle of orthogonal superposition has been demonstrated before in a Couette geometry [350]. In this case the inner cylinder of the Couette cell simultaneously rotated and moved in the axial direction. However, both movements give rise to a shear deformation. Here we will use a Kinexus Pro+ rheometer (Malvern Instruments, Malvern,
United Kingdom) with a 40 mm plate-plate geometry. This instrument and its controlling software allow the user to directly control the motor in both shear and axial directions with sufficient time resolution to apply sinusoidal deformations, thereby allowing
orthogonal superposition of shear and extensional rheology.
The rSpace software that controls the Kinexus rheometer works, for almost all tests,
with predefined test types (e.g. oscillations, stress ramps, frequency sweeps). However,
the software is also equipped with a script-based environment that provides direct control of the rotational and axial motor, and provides as output the unadjusted response
from the rheometer sensors (torque, shear displacement, axial position, normal force
and temperature) at a rate of 5 kHz. This enables the use of complex, unconventional
protocols such as the superposition measurement mentioned above, as well as analysis
of the raw data, without analysis and averaging over cycles by a “black box” that is the
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controller software1 .
We polymerized a 2 mg/ml fibrin gel with an initial sample height of 1 mm at a temperature of 22°C. We performed axial and shear oscillations with a small amplitude of
5 µm and 0.1%, respectively, at various frequencies and degrees of axial compression.
We fitted the resulting normal stress and shear stress signals to a sinusoidal function, and
calculated the resulting storage and loss moduli by dividing respectively the amplitude
of the in-phase and out-of-phase stress response by the strain amplitude. In Figure 7.1a
we show the elastic shear modulus at various frequencies and degrees of axial compression. At constant gap height, the elastic shear modulus is frequency-independent, in
agreement with earlier studies [125]. During compression, we see that the elastic shear
modulus decreases, in agreement with the compression-softening we observed in Chapter 5.
In Figure 7.1b we show the elastic axial modulus at various frequencies and degrees
of axial compression. Since this is no longer a volume-conserving measurement, solvent
flow is induced on the scale of the sample diameter, which dominates the normal stress
response and thereby the measured modulus: the axial modulus is two orders of magnitude larger than the shear modulus. The axial modulus is also no longer frequency
independent at a constant gap height, since the frequency of the deformation sets how
much solvent flow can occur. However, since the network elasticity plays only a very
minute role in the axial stiffness, we observe that the axial modulus is independent of
the degree of compression. This measurement directly demonstrates the role of the solvent on the mechanical properties of hydrogels such as the fibrin network, supporting
the message we conveyed in Chapter 3.

a

b

Figure 7.1: (a) Shear and (b) axial elastic modulus in units of Pascal (Pa) of a 2 mg/ml fibrin network polymerized at 22°C, at various frequencies and degrees of axial compression.

7.2.2. S INGLE - FIBER STRETCHING EXPERIMENTS
In Chapter 4 we showed how complex it is to deconvolve the contributions of different structural elements of fibrin networks to the macroscopic mechanical response to
1 There is a good reason why this degree of user control is not commonplace. By directly control-

ling the motors, the user can unintentionally, yet easily, damage the delicate components of the
instrument.
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a shear deformation. It is always necessary to assume a specific model to disentangle
the single fiber response from the network-level response. For instance, in Chapter 4 we
had to assume an affine network deformation to infer the fiber-level strain. Clearly it
would be advantageous if one could measure the mechanical response of fibers individually, also for modeling of network-level response [351–353]. With the advent of optical
tweezers, this is now possible, as we demonstrate below.
In this Section we report measurements on the elastic and inelastic response of single
fibrin fibers, using optical tweezers. So far, studies on single fibrin fibers have relied
on the use of atomic force microscopy and spectroscopy [96, 107, 184, 354, 355], where
fibers tend to be exposed to air. By using a microfluidic flow cell, we study the filaments
in an aqueous environment, which is particularly relevant for fibrin filaments since they
tend to be highly hydrated.
Our microfluidic flow cell is sketched in Figure 7.2. It consists of three independent
inlets, where laminar flow conditions ensure that no mixing of the channels occurs. The
first inlet contained 4.5 µm diameter spherical polystyrene beads (Spherotech, Lake Forest, IL, USA), which were trapped by a 20 W infrared laser (λ = 1064 nm). The second
inlet contained fibrin fibers, obtained by adding 0.5 U/ml thrombin to a 0.01 mg/ml
fibrinogen solution where 10% of the monomers was labeled with Alexa-488, incubating for 15 minutes at 37°C after addition of thrombin. In Figure 7.3 we show confocal
microscopy images for a range of protein concentrations, demonstrating that at concentrations above 0.01 mg/ml, aggregates of fibrin fibers are formed instead of single fibers.
The third inlet contained just assembly buffer. We first trapped two beads in the bead
channel, and then captured a fibrin fiber in the fibrin channel by connecting them endto-end to a bead pair, using the ability of fibrin to strongly adhere to polystyrene beads
[294]. Finally, the fiber was moved to the buffer channel using the beads as handles. This
procedure is schematically shown in Figure 7.2.

I

II

III

Figure 7.2: Schematic representation of the microfluidic flow cell used for optical tweezer experiments and the stepwise procedure to catch and stretch fibrin fibers. The top channel contains
a suspension of 4.5 µm beads, the middle channel a suspension of fibrin fibers, while the lower
channel only contains the assembly buffer. The direction of flow is indicated by the black arrow.
During the first step of the experiment (I), a pair of beads is caught in the top channel. This bead
pair is moved to the middle channel where a fibrin fiber attaches (II). In the bottom channel the
stretching experiment is performed (III), without any disturbance from other beads or filaments.

We applied a series of loading and unloading steps, as shown in Figure 7.4a, to test
both the elastic and inelastic properties of single fibrin fibers. The elastic properties
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Figure 7.3: Maximum intensity projection of a confocal z-stack of fibrin fibers at increasing protein concentration. Since there is no percolating network, dangling ends and loose fibers are free
to diffuse around. This appears as multiple filaments close together, yet it actually is a single filament showing up slightly displaced in multiple frames. The depth of the stacks is 25 µm, the scale
bar is 10 µm.

of the fiber were probed by moving the beads apart with a velocity of approximately
0.2 µm/s until a force of 300 pN was reached. The fiber was then held at a constant
bead separation to measure force relaxation. The beads were then moved back towards
each other, to measure changes in the rest length of the filament. This cycle of loadingunloading was repeated for a total of three times.
By subtracting the diameter of the bead (4.5 µm) from the center-to-center distance
of the optical traps we obtain the filament length l . We calculate the filament strain by
dividing by the initial length, γ = l /l 0 . We plot the data as a force-extension curve, shown
in Figure 7.4b. Here we observe, supported by the fluorescence images, that there is an
initial regime where the beads rotate and the fiber straightens, without extending, as
indicated by an absence of a force response. Afterwards, the filament actually stretches,
which is accompanied by an increase in the force. We fit the latter regime with a linear
function (this is the linear regime; the nonlinear regime is way beyond the forces we
apply [184]). We determine the onset of this regime by the minimum strain where the
r-squared value of the linear fit still exceeds 0.95. A single exponential function was used
to fit the force decay during the strain clamp, to determine the relaxation of the filament
at high forces (Figure 7.4c).
Since we used the same ratio of unlabeled to labeled fibrinogen monomers, the same
laser power and the same imaging settings throughout our experiments, we compare the
fluorescence intensity of the fibers per unit length, measured directly after capture of the
fiber to avoid effects of photobleaching. An example is shown in Figure 7.4d, where a
box of height 20 pixels and a width depending on the fiber length is drawn to obtain fluorescence intensity per unit of filament length. In Figure 7.5a we show the fluorescence
intensity per unit of fiber length versus the slope of the loading curve for 11 fibers. We
observe a correlation, which we expected since a thick fiber contains more fluorescently
labeled monomers, and is expected to be stiffer than a thin fiber.
Furthermore, we note that in Figure 7.4d the fluorescence intensity of the fiber is
inhomogeneously distributed. This implies, assuming that the labeled and unlabeled
monomers are well mixed, that this fiber is not equally thick along its length; a fea-
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ture we observed for most filaments. Consequently, during elasticity measurements, the
thinnest part stretches most and the thickest part least, whereas in the calculations we
assumed one effective modulus.
We then performed a series of experiments to test the influence of Factor XIII (FXIII),
a cross-linking agent that covalently bonds protofibrils in fibrin fibers [18], on the mechanical properties of single fibers. In Figure 7.5b we show the slope of 11 fibers polymerized from wild-type fibrinogen, and 23 fibers from fibrinogen than was depleted of
FXIII. In Figure 7.5c and d we show the relaxation time and the relaxation amplitude
of 9 fibers polymerized from wild-type fibrinogen, and 20 fibers from fibrinogen that
was depleted of FXIII. We could not observe a difference in filament stiffness for wildtype fibrin fibers and FXIII-depleted fibers, due to a large spread in the data within these
groups. Similarly, we find a spread in the relaxation time of the force exerted by the fiber
under high strain (Figure 7.5c), yet here there is a clear difference with the fibers formed
from FXIII-depleted fibrinogen. These show a longer relaxation compared to the fibers
formed from wild type fibrinogen, and also slightly stronger relaxation (Figure 7.5d), although here the difference is again smaller than the standard deviation within the data
sets. We hypothesize that the more inelastic behaviour of the FXIII-depleted samples
reflects the lack of covalent bonds between protofibrils, giving rise to more (and, apparently, also longer) relaxation.

7

In Figure 7.6a we show the effect of multiple strain cycles on the rest length of the
fiber. After the first cycle, the rest length increased by 15% ± 9.4 (average of 9 fibers) in
a cross-linked fibrin fiber. This may potentially reflect imperfect packing of protofibrils,
which is reorganized when a strain is applied to the fiber. This would be in agreement
with Chapter 4, where we hypothesized that annealing occurs of the packing of protofibrils by stretching imposed by a macroscopic shear deformation, since we observed an
increase in the axial packing order (measured by the height of the Bragg diffraction peak)
for strained compared to unstrained networks. The subsequent cycle of loading-unloading
causes no further change in the rest length, which indicates that it is indeed plastic behaviour we observe, and not viscous.
Finally, in Figure 7.6b and c we apply a load for longer times (25 and 45 minutes) in
respectively a force- and strain-controlled experiment. Here we observe in FXIII-crosslinked fibers that their rest length increases by 41%, or that 16% of the applied force is
dissipated. Interestingly, after an initial decay (as reported in Figure 7.5c), there seems
to be a continuous, linear increase in length with time, or decrease in force, both commencing after approximately 600 s. The notion that a constant slope is observed, rules
out that we are dealing with a relaxation process. Instead, this is in agreement with a process of unbinding and rebinding of cross-linkers [356]. On the molecular scale, sliding
of protofibrils within the fiber might be the origin of fiber elongation and force dissipation. However, the presence of FXIII, introducing covalent cross-links, makes this an
unlikely scenario since the unbinding force would be enormous, thus making the rate of
unbinding essentially zero on experimentally accessible time scales.
The plastic elongation poses a paradox: we and others do not observe plastic deformation by macroscopic rheology on (FXIII-cross-linked) fibrin networks, although we
demonstrated here that single fibers deform plastically. We can understand this with
the results of a recent study (Ref. [340]), demonstrating that plastic elongation of colla-
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gen fibers does not necessarily lead to plastic deformation on the network scale, since,
as the bending rigidity of fibers is lower than the stretching rigidity, un-elongated fibers
overcome the resistance of the plastically elongated fibers and restore the network to its
original state.
In conclusion, we have shown that we can use optical tweezers to manipulate single fibrin fibers, and we applied a protocol that tested both the elastic and the inelastic
properties of the fibers. We measured fibers cross-linked with FXIII, and depleted of
FXIII. However, due to large fiber-to-fiber variations we could not quantitatively test hypotheses on the influence of FXIII on the mechanics of single fibrin fibers, and due to
fiber inhomogeneities, we could not quantify single-fiber properties, e.g. by fitting the
force-extension curve with a worm-like chain model [357]. Although this is a promising technique, future experiments should use a different method to obtain single fibrin
fibers that are more uniform in structure, for instance by quenching of the polymerization reaction at higher protein concentrations, or by lysis of a fully formed fibrin network.

b
a

c

7
d

Figure 7.4: (a) Distance-controlled protocol to measure the elasticity of single fibers. First a strain
is applied until a load of 300 pN is reached. This strain is held to measure force relaxation, after
which the strain is removed and held at the initial force for 10 s. The loading protocol is then
repeated for a total of three times. (b) Force as a function of fiber strain, from which the linear
elasticity (grey dashed line) is obtained. (c) Force exerted by a fiber as a function of time, fitted with
an exponential decay function (grey). (d) A fluorescence image of the fiber suspended between
two beads. A box is shown with a height of 20 pixels, used to calculate the fluorescence intensity
per unit of fiber length. The scale bar is 5 µm.
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Figure 7.5: (a) The fluorescence intensity I per unit of fiber length as a function of the slope of
the loading curve, (b) the slope of the loading curve for 11 fibers polymerized from wild-type (WT)
fibrinogen, and 23 fibers from fibrinogen than was depleted of FXIII (FXIII-depl.), (c) the relaxation
time τ of 9 fibers polymerized from wild-type fibrinogen, and 20 fibers from fibrinogen than was
depleted of FXIII, and (d) the corresponding amplitude of the force decay. Grey bars in the box
plots indicate the mean value and the standard deviation.
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c

Figure 7.6: Relaxation of a fibrin fiber, (a) in a cyclic loading-unloading experiment (with different colours indicating subsequent cycles), (b) in a force-controlled experiment (with 500 pN applied load), elongating from approximately 16.4 µm to 23.2 µm, and (c) in a distance-controlled
experiment, where the force decays from 436 pN to 377 pN. Two dashed lines indicate linear timedependent behaviour.
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S AMENVATTING
E t onderwerp van dit proefschrift was het onderzoeken van de structuur en de mechanische eigenschappen van fiberachtige materialen. In het bijzonder wordt fibrine onderzocht: een eiwit-netwerk dat stevigheid geeft aan bloedstolsels. Hoewel we
ze zoveel mogelijk proberen te mijden, zijn bloedstolsels wel essentieel in ons leven: zodra een bloedvat beschadigt, vormt een bloedstolsel een beschermende laag die verder
bloedverlies voorkomt, en ook de eerste stap is in het herstel. De fibrine-netwerken
zelf bestaan uit fibers, die op hun beurt ontstaan zijn uit een kettingreactie waarbij uit
fibrinogeen-monomeren eerst zogenaamde protofibrillen worden gevormd, die op hun
beurt de dikkere fibers vormen waaruit het netwerk is opgebouwd. Het netwerk heeft de
interessante eigenschappen dat het zijn functie vervult bij een heel lage concentratie van
eiwit, grote krachten en vervormingen kan weerstaan zonder kapot te gaan, en steviger
wordt als het sterk vervormd wordt.
Tot dusver is niet goed begrepen hoe fibrine aan deze opmerkelijke eigenschappen
komt. Modellen die het mechanische gedrag beschrijven, zijn gebaseerd op elastische
filamenten, en gaan voorbij aan de vloeistof die tussen de fibers in zit, de interne structuur van de fibers, en de mogelijkheid van fibers om interacties aan te gaan met andere
fibers.
In dit proefschrift staat de vraag centraal hoe de complexe structuur van fibrine (en
van de fibers, protofibrillen en monomeren) in verband staat tot de complexe mechanica van fibrine. Om deze vraag te beantwoorden, implementeren we in hoofdstuk 2
eerst drie bestaande modellen [51–53], waarmee, met lichtverstrooiingsexperimenten
op fibrine, de straal en de massa-dichtheid van de fibers kunnen worden bepaald. We
breiden deze modellen uit met een correctie voor de golflengte-afhankelijkheid van de
brekingsindex van water en de differentiële brekingsindex van het eiwit. We maken gebruik van een ‘power spectral density’-analyse om de fractale dimensie van het netwerk
te bepalen. De fractale dimensie is een parameter in één van de verstrooiingsmodellen,
waardoor ook de structuur van het netwerk in beschouwing wordt genomen. Met de
analyse van de verstrooiingsspectra krijgen we informatie over de structuur van de fibrinefibers, wat een vereiste is om het mechanische gedrag te interpreteren. Deze analyse kan
ook gebruikt worden voor andere materialen die uit fibers bestaan.
Daarna beschouwen we drie verschillende mechanische aspecten van de fibrine-gel:
(1) de rol die vloeistof speelt in de mechanische eigenschappen van de gel, en de koppeling tussen het netwerk en de vloeistof; (2) veranderingen die optreden op verschillende
lengteschalen wanneer het fibrine-netwerk wordt vervormd, en (3) het herstructureren
van het netwerk door fiber-fiber interacties.
Beginnend bij de grootste schaal, van het macroscopische stolsel, laten we in hoofdstuk 3 zien dat het netwerk en de vloeistof aan elkaar gekoppeld zijn op een korte tijdschaal, die wordt bepaald door de elastische modulus van de gel, de poriegrootte van
het netwerk, de viscositeit van de vloeistof, en de afmetingen van de gel. Wanneer het
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netwerk en de vloeistof gekoppeld zijn, is hun geheel niet te comprimeren; pas op langere tijdschalen, waarbij de vloeistof en het netwerk ten opzichte van elkaar kunnen
bewegen, kan het netwerk vervormd worden. Met een combinatie van theorie en experimenten laten we zien dat de fibrine-gel zich inderdaad gedraagt als een materiaal
dat uit een vloeibare en een vaste component bestaat, zowel tijdens compressie als tijdens een afschuifvervorming. Bij de afschuifvervorming zien we dat de richting van de
normaalkracht die de gel uitoefent zowel positief als negatief kan zijn, afhankelijk van
de mate van koppeling tussen de vloeistof en het netwerk. Deze resultaten lossen een
paradox op tussen netwerken van biopolymeren en netwerken van synthetische materialen, waarbij tot nu toe werd aangenomen dat de eerstgenoemde een negatieve normaalkracht hebben, en de synthetische materialen een positieve normaalkracht. Wij
laten zien dat beide klassen in staat zijn om zowel positieve als negatieve normaalkrachten
uit te oefenen, zolang maar op de juiste tijdsschaal gemeten wordt.
Tot dusver hebben we de fibrine-gel nog beschouwd als een uniform, elastisch materiaal. In hoofdstuk 4 combineren we optische microscopie en röntgenverstrooiing met
uitrek- en afschuifvervormingen van een fibrine-netwerk, om het mechanische gedrag
van fibrine te begrijpen bij verschillende maten van vervorming. We laten zien dat het
oriënteren van de fibers die het netwerk vormen, niet genoeg is om het mechanische
gedrag te begrijpen. Bij kleine vervormingen, voordat oriëntatie van fibers een rol gaat
spelen, worden entropische fluctuaties uit de fibers getrokken, wat tot een grotere stijfheid van het netwerk leidt. Bij grote vervormingen wordt de mechanische respons van
het netwerk bepaald door uitrekking van de fibrine-fibers zelf. We laten zien dat de oorsprong hiervan ligt in het uitrekken van de αC-domeinen van het fibrine-monomeer, in
plaats van het ontvouwen van de gestructureerde delen van het monomeer, wat tot nu
toe werd aangenomen.
Vervolgens laten we in hoofdstuk 5 zien dat de fibers die het fibrine-netwerk vormen, nieuwe verbindingen met elkaar aan kunnen gaan wanneer ze met elkaar in contact worden gebracht. Dit speelt vooral een rol bij compressie van het netwerk, wanneer
fibers dichter bij elkaar komen. We laten zien dat de αC-domeinen die aan beide uiteindes van het monomeer zitten, een verbinding aan kunnen gaan met αC-domeinen die
vastzitten aan monomeren op nabijgelegen fibers. De verbinding die op deze manier
wordt gevormd kan grote krachten weerstaan, zodat, wanneer het netwerk weer naar zijn
originele vorm wordt teruggebracht, de nieuwe verbindingen onder spanning komen te
staan, maar niet breken. De spanning die op deze manier in het netwerk wordt ingebouwd zorgt voor een verstijving van het netwerk, die bovendien nauwkeurig te controleren is door de mate van compressie aan te passen.
Tenslotte presenteren we in hoofdstuk 6 de ontwikkeling van een light sheet microscoop, een fluorescentiemicroscoop die met een brede, platte (2D) laserstraal werkt
in plaats van de meer gebruikelijke (1D) laserstraal. Deze microscoop combineren we
met een apparaat dat fibrine kan uitrekken. Hiermee kunnen we het effect van uitrekking
op de structuur van het netwerk meten, zowel de korte, elastische respons als de langzamere, inelastische respons.
Samenvattend laat het onderzoek in dit proefschrift zien hoe de structuur en de functie van het fibrine-netwerk met elkaar in verband staan. Dit is essentieel om de rol van
fibrine te begrijpen in bijvoorbeeld hemostase, trombose en wondgenezing. We hebben
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laten zien dat de mechanische eigenschappen van het fibrine-netwerk niet komen van
een set perfecte, homogene staafjes, maar van filamenten met een duidelijke, hiërarchische opbouw, die kunnen uitrekken maar ook onderling interacties aan kunnen gaan,
en omgeven worden door vloeistof die, op korte tijdschaal, aan het netwerk gekoppeld
is om het een grote stevigheid te geven. Deze principes kunnen worden gebruikt om
nieuwe materialen te ontwerpen, met specifieke mechanische eigenschappen. In een
bredere context laat dit proefschrift zien hoe de natuur over een uitgebreid arsenaal aan
natuurkundige principes beschikt om ons optimaal te laten functioneren in de complexe
en uitdagende omstandigheden die het leven ons biedt.
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