MULTISCALE MECHANICAL CHARACTERIZATION OF FIBRIN GELS
by

Julian Jimenez

A Thesis
Submitted to the Faculty of Purdue University
In Partial Fulfillment of the Requirements for the degree of

Master of Science in Biomedical Engineering

OC€ U,y y

A= %
> A

¥

()’)r

Weldon School of Biomedical Engineering

N
o8

West Lafayette, Indiana
August 2021



THE PURDUE UNIVERSITY GRADUATE SCHOOL
STATEMENT OF COMMITTEE APPROVAL

Dr. Sarah Calve, Chair

Weldon School of Biomedical Engineering

Dr. Adrian Buganza-Tepole

School of Mechanical Engineering

Dr. Luis Solorio

Weldon School of Biomedical Engineering

Approved by:
Dr. George R. Wodicka



ACKNOWLEDGMENTS

This work is supported by the NSF CMMI 1911346. I would like to thank Dr. Sarah Calve,
Dr. Adrian Buganza-Tepole, and Dr. Luis Solorio for their guidance and mentorship throughout
my development as a graduate student, and for giving me the opportunity to be a part of a creative
and collaborative research environment. I would also like to thank all members of the
Musculoskeletal Extracellular Matrix Lab (MEML) for their support throughout my time at Purdue
University and at the University of Colorado, Boulder. Particularly, I would like to thank Andrea
Acufia and Yue Leng for their guidance and collaborative efforts on this project, Callan
Luetkemeyer for the development of the slider device mentioned herein, Yifan Guo for the
development of computational models mentioned herein, and Sean Rothenberger and Brandon

Hayes for assistance with 3D printing.



TABLE OF CONTENTS

LIST OF FIGURES ...ttt ettt ettt ettt e et e s s e seeneesseenseennans 5
LIST OF ABBREVIATIONS ... .ottt ettt sttt et st sttt sbe e s 6
ABSTRACT ...ttt ettt ae ettt s bt et st e sbt e bt e st e s bt e bt et e sae et entes 7
1. INTRODUCTION ....ooiiiiiiiieie ettt sttt ettt e st e st e e enee s st enseeseesseenseensesseensesneans 8
1.1 Extracellular Matrix and Biomedical Scaffolding ...........cccoveveieeniiieniieeiiecieeeeeeeae 8
1.2 Fibrin Structure and FOrMation.........coceeviiriiririiniiieiieneeeeees et 9
1.3 Fibrin Gel MECRANICS. .....ccuiiiiiiiiieiietteie ettt 13
1.4 Informing Multiscale Predictive MOdels .........cceeeiiieeiiiieiiiiecieeeeeee e 15
2. MATERIALS AND METHODS ...ttt 17
2.1 Fibrin Gel POlYyMETiZation. ........c.ccouiiiiieiiieiieeiieiie ettt 17
2.2 Macroscale Tensile TESHNG ........cccuieriieiiieiieeiierie ettt et e te et e e seeeeaeebee e 18
2.3 Stress and Strain Data ANALYSIS ......ccoviieriieiiiiiiieiie et 19
2.4 Mesoscale Tensile TeSTINE ......eceiiieeiiieeiieeeiieeeiee et ettt e e re e e e e e rae e s raeeeraeeenseeeenns 20
2.5 Mesoscale Structure Image ACQUISTHION .....cveeeevieeriieeriieerieeerieeeeeeeeeeeeeeeeveeeeaee e 21
2.6 Mesoscale Structure Image ANAlYSIS.......ccocveeviieriiiiiieiieeiieie et 22
2.7 Finite Element ANALYSIS.......cccoviiiiiiiiiieeiieeiie ettt ettt et et ae ettt e eaaeeaeeenne 23
3. RESULTS ettt sttt be et e et e st e et e ese e beenbeeneenseenseeneaseeneas 24
3.1 Macroscale Mechanical Characterization of Fibrin..........ccocceviiiiiiiiiiiiiniiiieicee 24
3.2 Mesoscale Mechanical Characterization.............cecuereeruerieneenieniienieenieeie et 25
3.3 Heterogeneous Fibrin Gel with Varying Density ..........cccceevieriiiniieniienienieeieeie e 31
4. DISCUSSION......ciiiiiteieeiee ettt te et et e bt et e st e e teeseesseenteesee st enseeseenseensesneenseensesneenes 33
4.1 Macroscale Mechanical Characterization of Fibrin............ccoccooiiiiiiiiiniiiniiiiiiees 33
4.2 Mesoscale Mechanical Characterization of Fibrin ..........cccccoeeieviiniiiinieniiiieeieceeens 34
4.3 Heterogeneous Fibrin Gel with Varying Density ..........cccooceeveiieviiiniiiiiieniieiecieeeeens 37
5. CONCLUSIONS AND FUTURE WORK .....cc.ccoiiiiitiieieeeeeee et 38
APPENDIX A - DESIGN AND VALIDATION OF A MODULAR MICRO-ROBOTIC
SYSTEM FOR THE MECHNICAL CHARACTERIZATION OF SOFT TISSUES. ................. 39
REFERENCES ... oottt sttt ettt st b et et sb et s sb e bt eaaesaeenee 84



LIST OF FIGURES

Figure 1.1. Fibrinogen monomer STIUCLUTE ...........ceeeriieeiieeeiiiieeireesieeesteeesiveeessveeesaseessneesseeenns 10
Figure 1.2. Fibrin formation and hierarchy...........cccoocuiiiiiiieiiiiceece e 11
Figure 1.3. Modulating fibrin gel StrUCTUIE. ........cccuieiiiiiiieiieiectee e 13
Figure 1.4. Structural hierarchy of fibrin governs mechanical properties. ...........cccceeevvevueennennen. 14
Figure 2.1. Fibrin gel preparation. ..........ceooieeiieriieiiieniie ettt ettt eieeseeeebeessneeneees 17
Figure 2.2. Macroscale tensile teSting SYStEIML. .......ceeciiieiiieeiiiieeiieeeieeesiee et e esereeeaeeesaeeesreeens 19
Figure 2.3. Mesoscale tensile testing SYSEIMS. ....cc.eierviieiiieeiiieeieeeeieeesieeesreeesaeeesaeeeeaeeesreeens 20
Figure 3.1. Macroscale mechanical characterization of fibrin gels. ........c.cccceveeviieiiiiencieeeieee 24
Figure 3.2. Mesoscale characterization of fibrin gels within mold.............ccccooceiviiiiniininninnnn. 26

Figure 3.3. Mesoscale characterization of 2 mg/mL fibrin gel network structure under uniaxial
tension with the Spring assemMDbIY ........c..ooiiuiiiiiiiiiiiie e e et saee e 28

Figure 3.4. Mesoscale characterization of 2 mg/mL fibrin gel network structure under uniaxial

tension with the slider aSSEMbBLY .......ccoiiiiiiiiiiii e 30
Figure 3.5. Strain field of heterogeneous fibrin el. .........c.ccocvieeiiiiiiiiiciiecee e 31
Figure 3.6. Predictive computational model of heterogeneous fibrin gels ..........ccceeeveevcieennennn. 32



LIST OF ABBREVIATIONS

AF — Alexa Fluor

AFM — Atomic Force Microscopy
DFN — Discrete Fiber Network

ECM - Extracellular Matrix

FE — Finite Element

FOV — Field of View

PBS — Phosphate Buffered Saline

PE — Porous Polyethylene

PET — Polyethylene terephthalate

RT — Room Temperature (20 — 22°C)
ROI — Region of Interest

RVE — Representative Volume Element
SEM — Scanning Electron Micrography

SD — Standard Deviation



ABSTRACT

The extracellular matrix (ECM) is a dynamic network of biomolecules that provides tissues
with structural organization and regulates cellular behavior. Cells remodel the ECM at the micro-
(1-10 pm) and mesoscales (10-1000 um) in response to mechanical and biochemical stimuli,
ultimately changing the macroscale (1-10 mm) mechanical properties of tissues. Thus,
understanding the relationships between the macroscale tissue mechanics and the mesoscale ECM
structure is needed across biomedical applications, for example, in the design of scaffolds that
provide a transient matrix to support and promote wound healing and regeneration after injury.
Common scaffolding materials include biopolymers like collagen and fibrin.

Fibrin is a naturally occurring protein that forms a temporary structure for remodeling during
wound healing. It is also a common tissue engineering scaffold because its structural properties
can be controlled. Here, we present a strategy to quantify the multiscale mechanics of fibrin gels
by measuring both the macroscale stress-strain response and the deformation of the mesoscale
fibrin network structure during uniaxial tensile tests. This information can be used to inform
multiscale computational models that predict how alterations of the microstructural properties of
the ECM influence macroscale mechanical properties and, reciprocally, how macroscale
deformations lead to changes in the structure and organization of the cellular microenvironment.

While homogeneous scaffolds are commonly used to support tissue constructs, these do not
accurately recapitulate the organization of the ECM in vivo, particularly, near interfacial tissue
boundaries where ECM composition, organization, and density can differ drastically (e.g. tumor
and the surrounding stroma, wound surrounded by healthy tissue). To address this gap, we
developed an in vitro model using heterogeneous fibrin gels to recapitulate an interfacial ECM
boundary. We first informed a computational model with the experimentally-determined stress-
strain response and organization of homogeneous fibrin gels. The model was then used to predict
the non-uniform stress and strain of a heterogeneous fibrin gel under uniaxial tension. The
simulations were compared with experimentally measured macroscale stress and strain of
heterogeneous fibrin gels, confirming the predictive capabilities of the computational model. The
strategies proposed here can be extended to characterize the multiscale mechanics of other
biological materials and improve scaffold design, including complex interfacial ECM boundaries

between tissues.



1. INTRODUCTION

1.1 Extracellular Matrix and Biomedical Scaffolding

The extracellular matrix (ECM) is a dynamic network of biomolecules that provides
structural organization and regulates cellular behavior. Mechanical and biochemical signaling
transmitted by the ECM to the cells can elicit acute cell responses such as cell migration,
proliferation, differentiation, and protein secretion. The ECM also regulates cellular behavior
during dynamic events over longer time scales such as in growth, healing, regeneration, and
development (Urbanczyk et al., 2020). Here, we focus on mechanotransudction, which is a critical
factor in the regulation of cellular activity. For example, substrate stiffness influences cellular
differentiation. Seeding human mesenchymal stem cells in soft (0.6 kPa) polyacrylamide gels leads
to differentiation into adipocytes, whereas seeding the same cells in stiff (70 kPa) polyacrylamide
gels leads to differentiation into osteocytes (Frith et al., 2018). In addition to stiffness,
deformations and stresses developed in the ECM can also regulate cellular activity. For example,
human dermal, pulmonary, and cardiac fibroblast cells show increased type I collagen and
fibronectin deposition when cultured on a substrate that is stretched compared to a static substrate
(Breen, 2000; Kessler et al., 2001; Lindahl et al., 2002). Thus, mechanical forces and deformations
at the macroscale, on the order of 1-10mm, are transmitted to the resident cells through the ECM,
and lead to remodeling of the micro- and mesoscale environment on the order of 1 —10 um to 10
— 1000 pm, respectively (Brown et al., 2009; Gilchrist et al., 2014; Lloyd et al., 2015). Structural
changes to the ECM at the mesoscale ultimately alter the macroscale mechanical properties of
tissues (Brown et al., 2009; Gilchrist et al., 2014; Lloyd et al., 2015).

Tissue engineering applications hinge on developing scaffolds that mimic properties of the
ECM at the micro- and mesoscales to promote desired cellular responses as well as macroscale
mechanical function, for instance in wound healing and regeneration. While scaffolds that are
homogeneous in composition and organization (e.g. single concentration collagen or fibrin gels)
are commonly used to support tissue constructs, these do not entirely recapitulate the variable
characteristics of the ECM that are observed in vivo (Moutos & Guilak, 2008), particularly, tissues
near interfacial boundaries where ECM composition, organization, and density can differ

drastically (Bordeleau et al., 2013; Tonti et al., 2021). One example of ECM heterogeneity is the



temporary fibrin clot within a wound, which is less stiff than the surrounding tissue which is
typically composed of more stiff, crosslinked Type I and Type III collagen networks (Miron-
Mendoza et al., 2017; Schultz et al., 2005).

In addition to developing scaffolds with biomedical applications such as wound healing and
regeneration, scaffolds are also developed to study the development of disease pathologies, e.g.
the progression of cancer tumors. Fibrin gels, in particular heterogeneous fibrin gels, can be used
to better understand the mechanobiology of complex biological systems in physiologically relevant
in vitro models. For instance, the ECM proximal to a solid cancer tumor tends to be much more
dense and stiff compared to ECM more distal to the tumor (Bordeleau et al., 2013).

Scaffolds that combine various materials have been engineered to achieve mechanical and
biological properties that more closely resemble the tumor and wound microenvironments
(Bordeleau et al., 2013; Miron-Mendoza et al., 2017; Moutos & Guilak, 2008). However, these
scaffolds do not entirely recapitulate temporospatial mechanical cues necessary to guide cellular
behavior towards wound healing and regeneration (Nikolova & Chavali, 2019). Further studies
into the non-uniform stress-strain of these scaffolds and how they influence cellular behavior are
needed. Characterizing the non-uniform mechanics of these scaffolds is critical to understanding
how variations in material properties influence cellular behavior. Optimizing design parameters
will result in the development of scaffolding materials that provide the appropriate mechanical

cues to guide healing and regeneration.

1.2 Fibrin Structure and Formation

Fibrin is a naturally occurring protein that is polymerized from fibrinogen monomers
following vascular injury and provides a temporary structure to stop bleeding and for remodeling
during wound healing (Janmey et al., 2009). It is a common tissue engineering scaffold because
fibrin can be cast into gels that are biocompatible and its structural properties (e.g. fiber length,
diameter, fibrin volume fraction) can be controlled by modulating fibrinogen and thrombin
concentrations (Janmey et al., 2009).

Fibrinogen monomers are composed of two symmetric halves, each composed of an Aa, Bj,
and y peptide chains (Fig. 1.1). The amino termini of the six chains come together to form a central

nodule. The carboxy terminal ends of the Bf} and y chains form the end nodules, B-nodule and y.



The carboxy terminal of the Aa chain is termed the aC region (Ryan et al., 1999; Weisel &
Litvinov, 2013; Zhmurov et al., 2016).
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Figure 1.1. Fibrinogen monomer structure (Zhmurov et al., 2016)

Fibrinogen is typically found circulating blood plasma at concentrations of 1.5 — 3.5 mg/mL
(Fish & Neerman-Arbez, 2012; Weisel & Litvinov, 2017). Under blood flow conditions,
fibrinogen is added to the growing fibrin clot (Neeves et al., 2010; Weisel & Litvinov, 2017),
increasing the overall fibrin content by two-fold per hour (Silvain et al., 2011). The presence of
fibrinopeptides A and B at the ends of the Aa and B} amino terminal ends on the central nodule
of the fibrinogen monomer prevent the spontancous aggregation of fibrinogen monomers.
Vascular injury initiates a biochemical cascade that triggers the conversion of prothrombin, which
circulates in the blood at concentrations of 1 —2 pM (Ryan et al., 1999), to the proteolytic enzyme
thrombin. The fibrin polymerization reaction is initiated when thrombin cleaves fibrinopeptides A
and B from the fibrinogen monomers, exposing “knob” A and “knob” B. These “knobs” are free
to bind to complementary sites, “hole” a and “hole” b, which are located on the y-nodule and f3-
nodule, respectively (Fig. 1.2) (Weisel & Litvinov, 2013). In this way, fibrin monomers bind
longitudinally in a half-staggered configuration, forming fibrin oligomers. Fibrin oligomers
continue to elongate longitudinally to produce protofibrils, which are typically composed of 20-
25 fibrin monomers (Weisel & Litvinov, 2017). Protofibrils then begin to aggregate laterally

through various weak and strong binding interactions, to form fibrin fibers. One mode of lateral
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aggregation is the binding of aC chains to form aC- aC polymers between protofibrils (Brown et
al., 2007; Weisel & Litvinov, 2013). Binding of calcium ions to has Ca** binding cites on fibrin y
chains has been shown to enhance protofibril lateral aggregation (Weisel & Litvinov, 2017). Ca**
is typically found in blood plasma at concentrations of 1.5 -2 mM (Ryan et al., 1999). As fibrin
fibers continue to elongate and aggregate laterally, branching points from leading to the 3D
network structure of fibrin gels. The abundance and rate of fibrin aggregation creates a balance
between elongation and lateral aggregation. Branching typically occurs as part of the fiber
elongation process. Therefore, enhanced lateral aggregation will lead to thicker fibers and fewer
branch points, while lower lateral aggregation will lead to thinner fibers and more branch points
(Weisel & Litvinov, 2017). Factor XlIIla covalently crosslinks a-y and y-y chains between
protofibrils within a fibrin fiber to create a more mechanically and chemically stable 3D network

(Ryan et al., 1999; Weisel & Litvinov, 2013).
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Figure 1.2. Fibrin formation and hierarchy (Weisel & Litvinov, 2013)
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At the molecular scale, transmission electron micrography (Brown et al., 2007), X-ray
crystallography, and atomic force microscopy have been used to visualize structure and
composition of fibrin monomers and oligomers (Weisel & Litvinov, 2017; Zhmurov et al., 2016).

The mesoscale organization of fibrin networks has been visualized with namely with
scanning electron microscopy (SEM) (Ryan et al., 1999) and confocal microscopy (Britton et al.,
2019; Wang et al., 2021). SEM imaging can be performed on fixed and dehydrated fibrin gels at
magnifications between 4,000x and 25,000x (Ryan et al., 1999). Confocal imaging of fluorescently
conjugated fibrin can be performed on hydrated fibrin samples at magnifications ranging between
10x and 100x (Britton et al., 2019; Magatti et al., 2013; Wang et al., 2021). Characteristics of
interest at the mesoscale that have been measured include fiber length, fiber diameter, branching
density (i.e. number of fibers at a single branch point), branch point density (i.e. number of branch
points within a given volume), fiber density, fiber orientation, and pore size (Ryan et al., 1999;
Weisel & Litvinov, 2017). Approaches to quantifying these parameters in fibrin gels and other
hydrogels or network structures have included ImageJ plugins (Wang et al., 2021), commercially
available software packages like IMARIS (Podhorska et al., 2020), Amira (Xia et al., 2021), and
custom image processing algorithms (Lai et al., 2012; Molteni et al., 2013).

The formation of fibrin gels is influenced by external factors like protein and enzyme
concentrations, ionic strength, and pH (Weisel & Litvinov, 2017). The structure and material
properties of fibrin gels in vitro can be modulated by altering the concentrations of fibrinogen,
thrombin, and Ca*" that modulate polymerization kinetics. For example, increasing the fibrinogen
concentration minimally affects fiber length and diameter, but can notably influence fibril density
and branch-point density (Fig. 1.3 A). Increasing the thrombin concentration can decrease fiber
length and fiber diameter, and increase fiber density and branch-point density (Fig. 1.3B).
Increasing the calcium ion concentration can increase fiber length and diameter, and decrease fiber
density and branch-point density (Fig. 1.3 C) (Ryan et al., 1999). Modulating parameters that
influence fibrin structure resulted in fiber length averages ranging from 0.3 £ 0.2 um to 4.8 + 3.5
um with a total range of 0.1 — 19 pm. Average fiber diameters ranged from 44 + 15 nm to 147 +
59 nm with a total range of 16 — 391 nm (Ryan et al., 1999).

12
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Figure 1.3. Modulating fibrin gel structure. (Ryan et al., 1999)

Fibrin Gel Mechanics

The mechanics of fibrin have been studied at various hierarchical scales, namely, the

macroscale, mesoscale, and molecular level mechanics. As a bulk material, fibrin is a viscoelastic

polymer (Weisel, 2004). The viscous and elastic properties of fibrin gels have been studied with

rheology and tensile testing. In this study, we focus on the effects of tension on the mechanical

properties of fibrin because of an interest in the tensile forces exerted onto fibrin clots during

wound healing (Tepole, 2017). Additionally, since fibrin gels are arranged in a fibrillar structure,

they contribute to the mechanics of tissues in tension.

Under tension, fibrin gels have a linear stress-strain response at strains below ¢ = 1.2. For

strains greater than € = 1.2 fibrin gels have a non-linear stress-strain response, with an increase in

the equilibrium tangent modulus for a given strain (Brown et al., 2009; Janmey et al., 2009). At

the molecular scale, atomic force microscopy has been used to evaluate the extensibility of fibrin

13



monomers and oligomers under tension while measuring force. This data has been complemented
by transmission electron micrography images of the molecules under tension (Brown et al., 2007;
Lietal., 2017; Yesudasan & Averett, 2020).

At the mesoscale, fibrin gels’ network distribution in static conditions tends to be isotropic.
While this microstructure is often also representative of in vivo conditions, e.g. in wound clots,
fibrin in vivo can also form anisotropic gels. Fibrin formed under flow conditions, e.g. blood flow,
result in fibrin fibers orientation in the direction of flow (Campbell et al., 2010; Weisel & Litvinov,
2017). Therefore, anisotropic fibrin gels generated under flow in vitro have also been developed

(Campbell et al., 2010). Here we only focus on isotropic gels. Under uniaxial tension, the network

of fibrin fibers gradually aligns in the direction of tension (Fig. 1.4) (Brown et al., 2009).
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Figure 1.4. Structural hierarchy of fibrin governs mechanical properties. Left € =0,

Right € = 2 (Brown et al., 2009)

As strain increases, gradually, individual fibrin fibers begin to stretch. As fibers stretch, their
diameter decreases and fibers bundle closer together, expelling water, increasing the fiber density,
and decreasing the overall volume of the gel (Brown et al., 2009). As the macroscale deformation
increases, uniaxial tension of fibers extends down to protofibrils and individual fibrin monomers.
Molecular unfolding of coiled Aa, Bp, y peptide chains, as well as aC-aC connections leads to the
high extensibility and non-linear strain hardening of the hierarchical fibrin structure at large strains

(Brown et al., 2009; Weisel & Litvinov, 2017). General trends at the macroscale that come from
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the mesoscale include greater gel stiffness with increasing fiber density, branch point density, and
fiber diameter (Ryan et al., 1999).

Imaging modalities have been used to visualize the mesoscale structural changes of fibrin
gels under dynamic conditions, e.g. during fibrin formation and fibrinolysis (Collet et al., 2000),
and under shear stress and tensile stress (Britton et al., 2019; Miinster et al., 2013; Wang et al.,
2021). However, visualizing the fibrin gel mesoscale structure during deformation while
simultaneously coupling tensile stress and strain information has not been achieved. A challenge
in evaluating tensile test mechanics and visualizing mesoscale deformation, is that the modalities
to perform uniaxial tension of soft biomaterials while simultaneously visualizing sample
deformation, and keeping the sample hydrated are largely undeveloped. Here we present a system
that can be used to characterize macroscale mechanics of fibrin gels, and adapt it so that it can also
be used to simultaneously visualize the mesoscale deformation of the gels during tensile testing
and stress relaxation. The details regarding the development and verification of the system are

shown in APPENDIX A.

1.4 Informing Multiscale Predictive Models

Multiscale models can be used to describe and predict how macroscale deformation
influences the microscale structures that are relevant to cellular mechanobiology. Conversely,
multiscale models can also predictively describe how structural changes at the micro- and
mesoscale during ECM remodeling events like wound healing, regeneration, and development,
influence the functional mechanical properties of the ECM and their respective tissues, at the
macroscale. Once these models are developed, they can be used to run simulations predicting how
altering the structural parameters of fibrin gels would influence the macroscale mechanical
properties. This computational approach would speed up the development of scaffolding with
desired structural and mechanical properties by optimizing design parameters through iterative
simulations, rather than through experimental approaches. Once parameters and boundary
conditions are defined, experimentally challenging tests like biaxial or triaxial testing can be
simulated and stress-strain fields can be estimated (Ban et al., 2019). Computational models are
also advantageous when it comes to describing non-uniform mechanics that would be challenging

to characterize empirically, like those of heterogeneous materials. Additionally, computational

15



methods like inverse finite element (FE) models can be used to derive material properties when
experimental testing is not possible (Buganza Tepole et al., 2014).

Characterizing micro- and mesoscale structural properties of fibrin gels under tensile
deformation, alongside the macroscale stress and strain, can be used to inform multiscale
computational models. Various models have been proposed to model the multiscale mechanical
behavior of three-dimensional hydrogel networks. For example, a discrete fiber networks (DFN)
models individual fibers with defined parameters for fiber length, fiber diameter, distribution of
fiber orientation, and volume fraction of fibers all within a representative volume element (RVE)
of the fiber network mesh (Abhilash et al., 2014; Ban et al., 2019; Leng et al., 2021). The structural
deformation of the DFN can be used to guide FE simulations to derive the macroscale mechanical
behavior of the bulk material (Leng et al., 2021).

Structural and mechanical measurements of homogeneous fibrin gels at the mesoscale and
macroscale can inform FE models of non-uniform, heterogeneous gels. This strategy can be
adapted to predict and characterize the stress-strain distribution of novel engineered scaffolds that
are variable in both geometry complexity and material composition to better recapitulate the

heterogeneous composition of the ECM.

16



2. MATERIALS AND METHODS

2.1 Fibrin Gel Polymerization

Fibrin gels were polymerized using 3D-printed molds and laser-cut frames to control fibrin
gel geometry and facilitate uniaxial tensile testing. Porous polyethylene (PE) blocks were used as

anchor points for fibrin gel constructs (Fig. 2.1).

B C Fibrin gel
Fibrinogen and &
thrombin solution

~,

Figure 2.1. Fibrin gel preparation. (A) PET frames with PE blocks spaced 6.6 mm apart were
inverted and placed within 3D-printed molds. (B) Fibrinogen and thrombin solutions were
pipetted into the mold and allowed to settle for approximately 5 minutes. (C) Fibrin gel
constructs were then removed from the mold and placed in PBS. (D) Fibrin gel construct with 2
mg/mL fibrinogen concentration.

Molds were designed on SolidWorks (Dassault Systémes) and 3D printed (Stratasys J750)
with a photopolymer (VeroClear, Stratasys) with properties similar to acrylic. Frames with 6 mm
x 12 mm (w x 1) were drawn in Adobe Illustrator (Al) and laser cut from 100 pum thick polyethylene
terephthalate (PET) using the Speedy 400 (Trotec). PE blocks (Coarse Grade, Bel-Art Products)
were manually cut to approximately 1.5 mm x 2.0 mm x 1.5 mm (w x | x h). PE blocks were
incubated in 70% ethanol for 5 minutes at room temperature (RT) to wet the internal surface area
of the PE, to increase hydrophilicity and, thus, increase permeability to solubilized fibrinogen.
Ethanol-soaked PE blocks were then incubated in a 12.91 mg/mL fibrinogen solution (FIB3,
Enzyme Research Laboratories) for at least 1 hour. Fibrinogen-soaked PE blocks were bonded
onto frames using UV curable resin (Thin-Hard Formula, Solarez) and then irradiated with UV

light for 60 seconds to cure the resin. Frames were then inverted and placed within the molds.
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Homogeneous fibrin concentrations of 2, 4, and 6 mg/mL were prepared in 2.5 mm x 6.6
mm x 0.75 mm (w x I x h) molds by combining human fibrinogen (12.91 mg/mL; FIB3, Enzyme
Research Laboratories) and Alexa Fluor (AF) 488 conjugated human fibrinogen (1 mg/mL; F-
13191, Molecular Probes) at a 1:10 fluorescent to non-fluorescent fibrinogen ratio, 2M CaCl,, and
0.5 U thrombin (HT 1002A, Enzyme Research Laboratories) per mg fibrinogen in phosphate
buffered saline (PBS). Heterogeneous fibrin constructs were made by first pipetting 2 mg/mL AF
488-labeled fibrin into a 4 mm x 6.6 mm x 0.75 mm mold, as described above, and then pipetting
4 mg/mL AF 546-labeled fibrin into the center of the 2 mg/mL fibrin as it polymerized. Fibrinogen
and thrombin solutions were pipetted into the mold and allowed to settle for approximately 5
minutes. Forceps were then used to carefully remove the frame from the molds. Frames with fibrin
constructs were immediately placed in room temperature PBS to keep samples hydrated.

Molds were designed with five positions to allow the polymerization of multiple fibrin
constructs simultaneously. The molds were reused and cleaned in between use to remove any fibrin
gel that adhered to surfaces during polymerization. Molds were placed in a 70% EtOH solution for
5 minutes, 0.1% Triton solution for at least 60 minutes, and MilliQ water solution for at least 60

minutes all on a rocker at room temperature.

2.2 Macroscale Tensile Testing

Fiducial lines were photobleached onto fibrin in a vertical pattern or a 5 x 5 grid pattern using
a Leica STELLARIS 5 confocal microscope and a 10x Apochromatic dry (NA = 0.40) objective.
A FemtoTools micromanipulator system (FT-RS1002), microforce sensor probe (FT-S100°000),
custom 3D printed spring, and a Leica microscope camera (Infinity 3-URC) were used to collect
force data and acquire video of sample deformation during uniaxial tensile testing as previously

described (Duan et al., 2021; Enriquez et al., 2021) (APPENDIX A) (Fig. 2.2).
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Figure 2.2. Macroscale tensile testing system. (A) Dissecting microscope and Lumenera
camera assembly. (B) FemtoTools micromanipulator and spring assembly. (C) FemtoTools
microforce sensor attached to 3D printer spring. PET frame with fibrin gel sample loaded on
spring. (D) Fluorescently conjugated fibrin sample with fiducial lines on PET frame. PE blocks
outlined in blue. (E) 3D rendering of fibrin.

Tensile tests were conducted at 0.01s™! strain rate up to a 6000 pm displacement, equivalent to
linear strain of € = 0.91 based on micromanipulator displacement. Gels composed of 2 mg/mL (n

=4), 4 mg/mL (n=4), and 6 mg/mL (n = 2) fibrinogen concentration were tensile tested.

2.3 Stress and Strain Data Analysis

For homogeneous fibrin, strain was calculated from the vertical fiducial lines through video
analysis using a custom FIJI macro and MATLAB algorithm, as previously described (Enriquez
et al., 2021). Linear strain was calculated by (I; — lo)/lo, where lo is the initial distance between two
fiducial lines, and |; are subsequent distances. FIJI was used to measure the cross-sectional area of
gels from acquired z-stacks. Nominal stress was calculated by dividing force data by the initial
regional cross-sectional area, measured prior to mechanical testing. The tangent modulus was
calculated from the stress-strain response of 2 mg/mL, 4 mg/mL, and 6 mg/mL fibrin gel samples.

For heterogeneous fibrin gel, F1JI was used to analyze videos and manually track the position
of each vertex on the fiducial 5 x 5 grid (Fig. 3.5C). A custom Python code was used to plot the

position of the vertices and calculate the Green Lagrange strain of each region.
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2.4 Mesoscale Tensile Testing

The FemtoTools system was mounted on a custom platform atop the moving stage of the
STELLARIS 5 confocal microscope and coupled with either a spring or slider (DA-6-NMS,
Deltron) interface to mechanically characterize fibrin gel samples (Figure 2.3). The moving stage
moved the entire FemtoTools system and fibrin sample in tandem relative to the fixed position of

the confocal microscope objectives to facilitate imaging.

Confocal objectives | | B“

«i»

Mdving stage =

b |

2 ' Fibrin sample
Microforce sensor 3 ; Fibrin sample

Figure 2.3. Mesoscale tensile testing systems. FemtoTools micromanipulator mounted on the
moving platform of the Stellaris 5 confocal microscope coupled with a microforce sensor and 3D
printed spring (A) and with a slider assembly (B). Fibrin samples were loaded onto the spring
(C) or the slider assembly (D, E).

The FemtoTools and spring assembly (Fig. 2.3 A) was coupled with the FemtoTools
microforce sensor (Fig. 2.3 C) to facilitate force acquisition throughout uniaxial tensile testing and
confocal imaging. Minute fluid undulations within the PBS retention well caused the floating
spring and fibrin sample to slightly undulate during confocal imaging. These minute movements
diminished image resolution through the introduction of motion artifacts. While high resolution
images could be collected with a 25x objective, the slight motion artifacts diminished the
resolution of images acquired with a 63x objective. In order to supplement stress-strain and

structural data gathered with the FemtoTools and spring system, a different configuration that
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provided greater motion stability during imaging was utilized (see Figure 2.3B). The FemtoTools
and slider assembly was used to image samples under tension using a 63x objective with minimal
motion artifacts. The slider assembly was coupled with a Futek load cell (LCM100-1000g),
however, the force contribution of the slider was notably higher than the contribution from the
fibrin gel, and was not used to resolve the force contribution of fibrin samples. Screws were used
to mount the PET frames loaded with fibrin samples to minimize movement.

Fiducial lines were photobleached onto the fibrin gels using either the 25x or 63x immersible
objectives to track sample deformation throughout tensile testing. Tensile tests were conducted in
increments of 1000 um displacement at 0.01s™! strain rate followed by a period of stress relaxation
to allow the samples to reach a stable configuration and to accommodate confocal imaging in
between displacement intervals. Fibrin gel samples were allowed to settle for at least 10 minutes

after a displacement interval prior to imaging.

2.5 Mesoscale Structure Image Acquisition

Z-stacks were acquired to visualize the mesoscale fibrin structure during different loading
conditions using a Leica STELLARIS 5 confocal microscope using a Fluotar 25x (NA = 0.95) and
an Apochromatic 63x (NA = 0.90) water immersible objectives.

Static samples that did not undergo tensile testing were imaged directly on the 3D-printed
mold in which the fibrin gels were polymerized. Z-stacks of representative volume elements (RVE)
from the fibrin gel were acquired. Three samples of each fibrin gel concentration, 2 mg/mL, 4
mg/mL, and 6 mg/mL, were imaged. Three regions from each sample were imaged using the 63x
objective at digital zooms 2.7, 6, and 12, with respective XY field of views (FOV) 63.4 um x 63.4
um, 29.4 pm x 29.4 pm, and 14.9 pm x 14.9 pm.

Samples that were uniaxially loaded on the FemtoTools and spring system underwent 10
minutes of stress-relaxation after each displacement interval prior to imaging. After the sample
stabilized, z-stacks were acquired with a 25x objective, at digital zoom 6, with respective XY FOV
of 70.3 um x 70.3 pm, from a region equidistant from the two fiducial markers. After z-stack
acquisition, the fiducial lines were measured with a tile scan using the 25x objective at a digital
zoom of 0.75 with respective XY FOV of 590.5 um x 590.5 pum.

Samples uniaxially loaded on the FemtoTools and slider system underwent 10 minutes of

stress-relaxation after each displacement interval prior to imaging. Z-stacks were acquired with a
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63x objective, at digital zoom of 2.7, 6, and 12 from a region equidistant from the two fiducial
markers. After z-stack acquisition, the fiducial lines were measured with a tile scan using the 63x
objective at a digital zoom of 0.75 with respective XY FOV of 234.3 um x 234.3 um.

Images were acquired and deconvoluted using the Leica LIGHTNING settings optimized for
high resolution. Images acquired with the 25x objective had 0.0722 pm x 0.0722 um XY resolution
and 0.505 pum Z resolution with 0.5 NA pinhole diameter. Images acquired with a 63x objective
had 0.0253 pm x 0.0253 pm XY resolution and 0.281 pm Z resolution with 0.5 NA pinhole

diameter. All images were taken with bi-directional settings.

2.6 Mesoscale Structure Image Analysis

Deconvoluted images were imported to FIJI (NIH) for characterization. Volume fraction was
measured by first adjusting the image threshold to binarize pixels into fluorescence and
background, then the Bonel (Doube et al., 2010) Area/Volume Fraction function counted all
fluorescent pixels and divided by the total number of pixels for each slice in the z-stack to estimate
the fibrin volume fraction. Fiber diameters were manually measured on FIJI from maximum
intensity projections of thin (0.5 — 1.5 pm) substacks. Fibers (n = 100) were measured for each z-
stack. Fiber orientation distributions were measured using the FIJI Orientation]J algorithm. XY z-
stacks were analyzed without pre-processing. XZ z-stacks were resliced from XY stacks at an
interval matching the XY resolution (0.0253 pum for 63x, 0.0722 for 25x), grouped into
approximately 0.5 um thick maximum intensity z-projections using the Grouped Z Project function,
and filtered with a Gaussian blur prior to analyzing. The structure tensors were computed using
the ‘Cubic Spline’ gradient, and selecting a Local Window approximate to the average fiber
diameter of each z-stack. The OrientationJ Analysis (Piispoki et al., 2016) function was used to
visually evaluate the fit of the local window size for each z-stack that was analyzed. The
Orientation] Distribution (Rezakhaniha et al., 2012) function was then run using the Cubic Spline
gradient, the optimized local window size, and a Minimum Coherency and Minimum Energy of
1%. The counts for each orientation (-90° to 90°, with 0.5° intervals) were summed across all of
the slices of each stack, and then the counts for each orientation were normalized by the total sum
for all orientations. The orientation distribution for the XY and XZ plane was taken orthogonal to
the plane in the direction of uniaxial tension (x-axis), such that alignment with the direction of

tension was 0 degrees. Fiber lengths were manually measured on FIJI from maximum intensity
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XY projections of thin (0.5 — 1.5 um) substacks from the OrientationJ Analysis output, to aid with
fiber visualization. Fibers (n = 100) were measured for each z-stack. The length of a fiber was
measured by tracing the path between two branch points.

One-way ANOVA with Tukey post hoc tests were performed to evaluate statistical
differences among measurements for samples that varied in fibrinogen concentration and

increasing tensile displacement.

2.7 Finite Element Analysis

An FE model was created in Abaqus to simulate the heterogeneous fibrin gel. The geometry
of the FE model was based on measurements taken from confocal images of the heterogeneous
fibrin gel. Clamped boundary conditions were imposed on the left side of the geometry, and the
right side was stretched to 1.5x the original length, equivalent to € = 0.5. We used a 2D FE model
with plain stress assumptions and primarily 50 x 50 um quadrilateral mesh elements with triangular
elements to fill gaps where quadrilateral elements could not be used. The Gasser-Ogden-Holzapfel
(GOH) (Gasser et al., 2006) was used in Abaqus to simulate the material, with parameters obtained
by fitting the bulk material response for 2 mg/mL and 4 mg/mL fibrin. Stress-strain data from
different locations on the heterogeneous fibrin, encompassing and adjacent to the 4 mg/mL fibrin
inclusion, were isolated for comparison. To calculate the homogenized stress and strain response
of the fibrin gel from the computational model, the stress of all mesh elements in the FE model

were averaged for a given strain based on boundary deformation.
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3. RESULTS

3.1 Macroscale Mechanical Characterization of Fibrin

Confocal imaging of homogeneous fibrin showed that fibril density increased with higher

fibrinogen concentration (Fig. 3.1 C-E).
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Figure 3.1. Macroscale mechanical characterization of fibrin gels. (A) Representative
nominal stress v. linear strain curves for 2, 4, and 6 mg/mL fibrin. (B) Comparison of tangent
moduli at € = 0.25 (n = 2-4). Error bars = S.D. There was a statistically significant difference

between concentrations as determined by the one-way ANOVA (p < 0.05), followed by Tukey
multiple comparison post hoc test. ns p > 0.05; *p < 0.05. Mesoscale structure of 2 mg/mL (C), 4
mg/mL (D), and 6 mg/mL (E) fibrin.

A positive correlation between fibrinogen concentration and stiffness was observed. The
average tangent moduli and standard deviation of the 2, 4, and 6 mg/mL fibrin at € = 0.25 were
0.15 £ 0.08 MPa, 0.30 + 0.16 MPa, and 0.71 + 0.26 MPa, respectively (Fig. 3.1 B). There was a

statistically significant difference between fibrinogen concentrations as determined by one-way
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ANOVA (p <0.05). There were statistically significant (p < 0.05) differences between the average
tangent modulus of the 6 mg/mL fibrin gel and each of the 2 mg/mL and 4 mg/mL gels.

3.2 Mesoscale Mechanical Characterization

Static Configuration

The static configurations of 2 mg/mL, 4 mg/mL, and 6 mg/mL fibrin gels polymerized in a
3D-printed mold were imaged with a 63x objective and analyzed for structural differences. Z-
stacks with (29 pm)?* (Fig. 3.2 A-F) and (14 um)? (Fig. 3.2 G-H) dimensions were acquired. The
orientation of fibers from the perspective of the XY plane, and relative to the longitudinal geometry
of the gel (x-axis), was similar across all concentrations (Fig. 3.2 I). There was no notable
alignment in a particular orientation, indicating that the fibers were randomly aligned. In the XZ
plane (Fig. 3.2 J), relative to the longitudinal geometry of the gel (x-axis), there appeared to be a
relative peak in alignment at the £90° orientation, suggesting that fibers were aligned vertically (z-
axis). The average fibrin volume fraction and standard deviation for different regions (n=3) of
each of the 2, 4, and 6 mg/mL fibrin gels was 0.06 £0.01,0.13+0.01, and 0.16 + 0.03, respectively
(Fig. 3.2 K), There was a statistically significant volume fraction difference between
concentrations as determined by the one-way ANOVA (p < 0.01). There were statistically
significant differences between the 2 mg/mL and 4 mg/mL (p < 0.05) and 2 mg/mL and 6 mg/mL
(p <0.01). The average and standard deviation for fiber diameters (n = 100) for 2, 4, and 6 mg/mL
fibrin gels was 0.30 £ 0.10 um, 0.26 + 0.07 um, and 0.27 + 0.08 um, respectively (Fig. 3.2 L)
There was a statistically significant fiber diameter difference between concentrations from one-
way ANOVA (p <0.0001). There were significant differences between 2 mg/mL and 6 mg/mL (p
<0.01), and 2 mg/mL and 4 mg/mL (p < 0.0001). Fiber length was defined as the length of the
path between two branch points observed in thin z-projections. The average and standard deviation
for fiber lengths (n = 100) for 2, 4, and 6 mg/mL fibrin gels was 3.16 = 1.35 um, 2.81 £ 1.36 pum,
and 2.44 = 1.19 um, respectively (Fig. 3.2 M). There was a statistically significant fiber length
difference between concentrations from one-way ANOVA (p <0.01), with statistically significant

differences between 2 mg/mL and 6 mg/mL (p <0.001).
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Figure 3.2. Mesoscale characterization of fibrin gels within mold. Three-dimensional
rendering of 2, 4, and 6 mg/mL fibrin gels with a (29 pm)® ROI. Top view, orthogonal to XY
plane (A-C), and isometric view (D-F). Top (G) and isometric (H) views of representative 2
mg/mL fibrin gel rendering with a (15 um)® ROI. XY (I) and XZ (J) fiber orientation for 2, 4,

and 6 mg/mL fibrin gels. (K) Average (+SD) fibrin volume fraction from z-stacks (n = 3)

collected for each fibrinogen concentration. Statistically significant volume fraction difference
between concentrations from one-way ANOVA (p <0.01). (L) Average (£SD) fiber diameter (n
= 100) collected for each fibrinogen concentration. Statistically significant fiber diameter
difference between concentrations from one-way ANOVA (p <0.0001) (M) Average (£SD)
fiber length (n = 100) collected for each fibrinogen concentration. Statistically significant fiber
length difference between concentrations from one-way ANOVA (p <0.01). All statistical
analyses are from a one-way ANOVA followed by Tukey’s post hoc test, ns, p > 0.05, * p <
0.05, ** p<0.01, *** p <0.001, **** p <0.0001.
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Configuration Under Tension - Spring

Using the FemtoTools and spring system, a 2 mg/mL fibrin gel (n = 1) was imaged with a
25x objective and analyzed for structural differences, while simultaneously acquiring force and
displacement information from tensile testing and stress relaxation. Z-stacks with (70 pm)?
dimensions were acquired at displacements 6 =0, 1000, 2000, 3000, and 4000 um (Fig. 3.3 A-J).
Fiducial markers measured after z-stack imaging yielded strain values € =0, 0.10, 0.23, 0.35, and
0.56 for the respective displacements. The nominal stress-time curve displays incremental 1000
um imposed deformations applied at a 0.01s™! strain rate followed by 20 minutes of stress
relaxation (Fig. 3.3 K). In the XY plane, and relative to the direction of uniaxial tension (x-axis),
fiber alignment in the 0° orientation (x-axis) increased as a function of displacement (Fig. 3.3 L).
Peak normalized frequencies for alignment in the 0° orientation for 6 = 0, 1000, 2000, 3000, and
4000 um were 0.005, 0.013, 0.024, 0.033, and 0.043, respectively. The magnification and
resolution of z-stacks acquired on the spring system were not sufficient to resolve fibril alignment
in the XZ plane.

There was an observed increase in fibrin volume fraction as the fibrin gel was uniaxially
stretched (Fig. 3.3 M). The volume fraction (n = 1) was 0.10, 0.30, 0.30, 0.35, 0.34 for
displacements 6 = 0, 1000, 2000, 3000, and 4000 um. There were no statistically significant
differences between the diameters of the fibrin gel at different displacements as determined by the
one-way ANOVA (F (4,495) = 0.1231, p = 0.9742). The average and standard deviation for fiber
diameters (n = 100) for & = 0, 1000, 2000, 3000, and 4000 pm was 0.38 + 0.12 um, 0.38 + 0.13
um, 0.38 £0.11 um, 0.38 +£0.10 um, and 0.38 = 0.11 pum, respectively (Fig. 3.3 N), The resolution
of these images combined with increased fiber density, was not sufficient to confidently measure
fiber as the gels were deformed. Measurement of fiber length was restricted to the unloaded

configuration.

27



6= 0pm, e=0 B 5=1000um, e=0.10 C  ©=2000pm, e= 0.23 5=3000um, e=0.35 E 5=4000um, €= 0.45

-

tension

tension

XY orientation

K L 0.06
0.04- o 3 0 mm
confocal imaging 2 1 mm
@
_ g004 — 2mm
[+ =
& 0.02- =
g 2 3 mm
by N 4 mm
2 = 0.02-
£ 0.00- £
1200 2400 3600 4800 2
time (s) 0.00 T T
-0.02- -90 -45 0 45 20
degrees
M 0.4+ N 1.5+
c P z ns
g 0.3 =
= 1.0
£ £
2 0.2+ E
3 % 05
5] S 0.5+
> 0.1 2 I I 'I' I I
E i 'l
*= 00 T T T 0.0 T T T T T
0 10002000 3000 4000 0 10002000 3000 4000
displacement (pm) displacement (pm)

Figure 3.3. Mesoscale characterization of 2 mg/mL fibrin gel network structure under
uniaxial tension with the spring assembly. Three dimensional renderings of fibrin gel
displaced to & = 0, 1000, 2000, 3000, and 4000 um with a (74 pm)® ROIL. Top view, orthogonal
to the XY plane (A-E) and isometric views (F-J). (K) Uniaxial tensile tests (6 = 1000 um
intervals) followed by 20 minutes of stress relaxation to allow for material stabilization and
image acquisition. Confocal image acquisition time window denoted by red rectangles. (L) XY
fiber orientation for 6= 0-4000 um displacements. (M) Fibrin volume fraction (n =1) for 6= 0-
4000 um displacements. (N) Average (=SD) fiber diameter (n=100) collected for each
displacement. There were no statistically significant fiber diameter differences between
displacements from the one-way ANOVA (p > 0.05) followed by Tukey’s post hoc Test. ns, p>
0.05.
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Configuration Under Tension — Slider

Using the FemtoTools and slider system, a of 2 mg/mL fibrin gel (n = 1) was imaged with a
63x objective and analyzed for structural differences, during tensile deformation. Z-stacks with
(29 um)? dimensions were acquired at displacements & = 1000, 2000, 3000, 4000, and 9000 um
(Fig. 3.4 A-J). Resolving individual fibers with the 63x objective at 6 = 0 um was not possible
because when the sample was not held under tension, slight undulations introduced motion
artifacts resulting in blurry imaging. Fiducial markers measured after z-stack imaging yielded
strain values € = 0.12, 0.25, 0.37, and 1.09 for the respective displacements. In the XY plane, and
relative to the direction of uniaxial tension (x-axis), fiber alignment in the 0° orientation (x-axis)
increased as a function of displacement (Fig. 3.4 K). Peak normalized frequencies for XY
alignment in the 0° orientation for 6 = 1000, 2000, 3000, 4000, and 9000 um were 0.010, 0.021,
0.028, 0.041, and 0.083, respectively. In the XZ plane, and relative to the direction of uniaxial
tension (x-axis), fiber alignment in the 0° orientation (x-axis) increased as a function of
displacement (Fig. 3.4 L). Peak normalized frequencies for XZ alignment in the 0° orientation for
d = 1000, 2000, 3000, 4000 um were 0.009, 0.013, 0.019, and 0.019, respectively. Resolution in
the XZ plane combined with increased fiber density was not sufficient to accurately measure fiber
alignment at 6 = 9000 um. There was an observed increase in fibrin volume fraction as the fibrin
gel was uniaxially stretched (Fig. 3.4 M). The volume fraction (n = 1) was 0.10, 0.30, 0.30, 0.35,
0.34 for displacements 6 = 0, 1000, 2000, 3000, and 4000 pm. The average and standard deviation
for fiber diameters (n = 100) for 8 = 1000, 2000, 3000, 4000, and 9000 pm was 0.29 + 0.07 um,
0.29 £ 0.08 um, 0.26 £ 0.08 um, 0.27 + 0.08 um, and 0.28 £ 0.06 um, respectively (Fig. 3.4 N).
There were statistically significant fiber diameter differences between displacements from the one-
way ANOVA (p <0.0001), with significant differences between 6 = 1000 and 6 = 3000 (p <0.01),
0 =2000 and & = 3000 (p < 0.001), 6 = 2000 and & = 4000 (p < 0.05), and 6 = 3000 and 6 = 9000
(p <0.05). The resolution of these images was not sufficient to confidently measure fiber lengths

past the 3000 um displacement configuration.
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Figure 3.4. Mesoscale characterization of 2 mg/mL fibrin gel network structure under
uniaxial tension with the slider assembly. Three dimensional renderings of fibrin gel displaced
to & = 1000, 2000, 3000, 4000, and 9000 pm with a (29 pm)® ROI. Top view, orthogonal to the
XY plane (A-E) and isometric views (F-J). XY (K) and XZ (L) fiber orientations for different
displacement values. (M) Fibrin volume fraction (n = 1) for different displacement values. (N)
Average (£SD) fiber diameter (n=100) for 6 = 1000- 9000 um displacements. There were
statistically significant fiber diameter differences between displacements from the one-way
ANOVA (p <0.0001). (O) Average (=SD) fiber length (n=100) for 6 = 1000- 9000 um
displacements. There were no statistically significant fiber length differences between
displacements from the one-way ANOVA (p > 0.05). All statistical analyses are from one-way
ANOVA followed by Tukey’s post hoc test, ns, p > 0.05, * p <0.05, ** p <0.01, *** p <0.001.
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The average and standard deviation for fiber lengths (n = 100) for 6 = 1000, 2000, and 3000
um was 2.66 = 1.29 um, 3.06 £ 1.62 um, and 2.95 £+ 1.39 um, respectively (Fig. 3.4 O), without
statistically significant differences as determined by the one-way ANOVA (p > 0.05). The
resolution of these images, combined with increased fiber density, was not sufficient to confidently

measure fiber lengths past the 3000 um displacement configuration.

3.3 Heterogeneous Fibrin Gel with Varying Density

The ECM varies in composition, organization, and mechanical properties. ECM
heterogeneities are apparent at the interfacial boundaries between a wound and healthy tissue or a
tumor and its surrounding stroma. A heterogeneous fibrin construct was prepared to model a
heterogeneous ECM boundary and demonstrate the characterization of non-uniform stress and
strain during uniaxial tension. Confocal imaging of the heterogeneous fibrin gel showed a cohesive
interface between the 2 mg/mL and 4 mg/mL fibrin (Fig. 3.5 A, B). Different local Green Lagrange
strains were observed during tensile testing of this gel (Fig. 3.5 C-F). For the displacement shown,
regions encompassing the 4 mg/mL fibrin experienced an average strain (+ S.D.) of 0.29 + 0.06.
Notably, regions in the 2 mg/mL fibrin region, adjacent to the 4 mg/mL fibrin inclusion,

experienced a higher average strain of 0.36 = 0.02.
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Figure 3.5. Strain field of heterogeneous fibrin gel. (A) 3D rendering and (B) microscale
structure of 2 mg/mL fibrin (green) with a 4 mg/mL fibrin inclusion (red). Gel before (C) and
during (D) tensile testing. Strain field before (E) and during (F) tensile testing. Regions
encompassing and adjacent to the 4 mg/mL fibrin outlined in red and yellow, respectively.
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The FE model defined from measurements from confocal imaging (Fig. 3.6 A) and with the
macroscale mechanical properties from empirical data, showed consistent results with what was
observed experimentally. The stress was nearly constant in the 4 mg/mL inclusion and the regions
adjacent to it on the left and right side (Fig. 3.6 B). However, because the inclusion was made out
of a stiffer material, the strain in the inclusion was smaller compared to the adjacent regions (Fig.
3.6 C), as observed experimentally. Position 1, within the 4 mg/mL fibrin, had a tangent modulus
of 0.29 MPa at ¢ = 0.25. Position 2, within the 2 mg/mL fibrin had a tangent modulus of 0.15 MPa
at € =0.25. The curves of the bulk 2 mg/mL and 4 mg/mL material are plotted for comparison (Fig.

3.6 D). The homogenized modulus of the heterogeneous fibrin gel was 0.18 MPa at € = 0.25.
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Figure 3.6. Predictive computational model of heterogeneous fibrin gels. (A) FE model of
heterogeneous gel informed from mechanical characterization of homogeneous fibrin. Stress (B)
and logarithmic strain (C) fields from FE model. (D) Local stress-strain response within (1) and

adjacent (2) to the 4 mg/mL inclusion.
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4. DISCUSSION

Here we propose and demonstrate empirical methods that can be used to analyze the
macroscale mechanical properties and mesoscale structure of fibrin gels under uniaxial tension.
Additionally, we demonstrate a strategy to characterize the non-uniform mechanical properties of
heterogeneous fibrin gel constructs representative of interfacial ECM boundaries that vary in
structure (e.g. wound or tumor). These methods can be expanded to characterize the mechanics of
other biomaterials to inform computational models that seek to improve scaffolding designs for

applications in improving the clinical output of wound healing and tissue regeneration after injury.

4.1 Macroscale Mechanical Characterization of Fibrin

Confocal imaging of homogeneous fibrin showed that fibril density increased with higher
fibrinogen concentration (Fig. 3.1 C-E), which aligns with previous findings (Bruekers et al., 2016;
Ryan et al., 1999).

Increase in stiffness with increasing fibrinogen concentrations has been previously reported
(Piechocka et al., 2010; Ryan et al., 1999). The tangent average tangent moduli and standard
deviation of the 2, 4, and 6 mg/mL fibrin at € = 0.25 were 0.15 = 0.08 MPa, 0.30 + 0.16 MPa, and
0.71 + 0.26 MPa, respectively (Fig. 3.1 B). The majority of mechanical information related to
fibrin gel involves shear stress from rheological data. However, there are a few studies that
evaluate uniaxial tension. These values can be compared to a tangent modulus of 2.5 kPa (Pathare
et al., 2021) and 8 kPa (Sugerman et al., 2020) for whole blood clots under tension. The tangent
modulus of 2 week-old 6.6 mg/mL fibrin gel under tension ranged from 0.06 + 0.10 MPa to 0.12
+ 0.04 MPa (Sander et al., 2011). A tangent modulus of approximately 0.05 MPa at € = 0.25 was
measured for 0.08 mg/mL fibrin gel samples prepared from platelet-poor-plasma (Britton et al.,
2019). In contrast, the stiffness of individual fibrin fibers under tension is 1.7 + 1.3 MPa (Janmey
et al., 2009).The stress-strain response of fibrin under tension in our experiments is observed to be
linear, which is expected of fibrin gels stretched below ¢ = 1.2 (Brown et al., 2009). The
viscoelastic properties of fibrin gels and whole blood clots have been documented through tensile
testing and rheology (Miinster et al., 2013; Sugerman et al., 2020). In this study we did not

characterize the viscoelastic properties of fibrin gels. To further evaluate the viscoelastic properties
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of fibrin gels, the following tests can be conducted on our macroscale and mesoscale imaging
modalities: stress relaxation, tensile testing at different strain rates, and cyclic tensile loading and

unloading with evaluation of hysteresis (Sugerman et al., 2020).

4.2 Mesoscale Mechanical Characterization of Fibrin

Static Configuration

For 2, 4, and 6 mg/mL fibrin gels polymerized in 3D printed molds, the orientation of fibers
from the perspective of the XY plane, and relative to the longitudinal geometry of the gel (x-axis),
was similar across all concentrations (Figure 3.2 I). There was no notable alignment in a particular
orientation, indicating that the fibers were randomly aligned. In the XZ plane, relative to the
longitudinal geometry of the gel (x-axis), there appeared to be a relative peak in alignment at the
+90° orientation, suggesting that fibers were aligned vertically (z-axis), across all fibrinogen
concentrations (Figure 3.2 J). It is expected that in static configurations where there are no applied
tensile loads, or fluid flow conditions, that the fiber alignment is isotropic (Chandrashekar et al.,
2018; Wang et al., 2021). Since only isotropic alignment from the XZ plane under static conditions
has been reported (Wang et al., 2021), imaging and analysis protocols will be reviewed to rule out
the possibility of erroneous calculations. The trend in increased fibrin volume fraction with higher
fibrinogen concentration (Fig. 3.2 K), has been previously observed, due to increased fiber density
(Bruekers et al., 2016). There appeared to be a slight trend of decreasing fiber diameter with
increasing fibrinogen concentration, with diameters for the 2 mg/mL gel being statistically greater
than the fiber diameters of the 4 mg/mL and 6 mg/mL gels (Fig. 3.2 L). From the literature, there
is a slight decrease in fibril diameter associated with increased fibrinogen concentration (Bruekers
et al., 2016; Ryan et al., 1999). Fiber diameters were comparable to those from the literature, with
average fiber diameters ranging from 0.210 — 0.270 um measured with confocal microscopy
(Bruekers et al., 2016) and individual fiber measurements ranging from 0.016 — 0.391 um when
done with SEM (Ryan et al., 1999). There was a slight trend in decreasing fiber length with
increasing fibrinogen concentration. Particularly, fiber lengths for the 2 mg/mL gel were
statistically greater than fiber lengths for the 6 mg/mL gel (Fig. 3.2 M). Similar trends have been
observed before, the decrease in fiber length is attributed to the increase in fiber density, given
limited volume, more branch points mean shorter fiber lengths (Ryan et al., 1999). Fiber length

measurements were comparable to average fiber lengths ranging from 0.3 + 0.2 pm to 4.8 £ 3.5
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um made with SEM (Ryan et al., 1999). These characterizations were made from single samples
(n = 1) of each fibrinogen concentration. To more accurately capture the variations from the
expected heterogeneity of biological samples and differences in experimental conditions during
fibrin polymerization (e.g. temperature, pH, ionic concentrations), higher sample sizes of each

fibrinogen concentration will need to be characterized.

Configuration Under Tension

The configuration of 2 mg/mL fibrin gels under increasing displacements was imaged and
analyzed using the FemtoTools micromanipulator coupled with either a spring or slider. Slight
undulations of liquid within the PBS retention well of the spring resulted in motion artifacts,
particularly at higher magnifications using a 63x objective. Fiber alignment in the direction of
tension (Fig. 3.3L, Fig. 3.4K, Fig. 3.4L) aligns with previous findings (Brown et al., 2009; Wang
etal., 2021). The normalized frequency of fiber orientation in the direction of tension for the spring
and slider in a 2 mg/mL fibrin gel were comparable to previous findings from a 5 mg/mL fibrin
gel (Wang et al., 2021). The fibrin volume fraction was observed to decrease as a tensional
displacement increased for both the spring (Fig. 3.3 M) and slider (Fig. 3.4M) assemblies. This
observation supports previous findings of increased fibril density and decrease in relative volume
(i.e. current volume divided by initial volume) as fibrin fibers align and bundle together when
strain is applied (Brown et al., 2009). Using the FemtoTools and slider assembly, there were
statistically significant differences in the fiber diameters as displacement increased from & = 1000
—9000 um (Fig. 3.4 N). There was a trend of lower displacements having slightly larger diameters
(e.g. 6=1000 pm > 6=3000 pm, 6=2000 pm > 6=3000 pm, 6=2000 um > 6=4000 um). This aligns
with findings that tensile loads cause fiber diameters to decrease (Brown et al., 2009). It is
interesting that 2 mg/mL fibrin fiber diameters imaged with 63x objective (static and slider) on
average were approximately 0.29 um thick. whereas those imaged with a 25x objective (spring)
were approximately 0.38 um. This could be an effect of biological and experimental variability,
or it could be related to the accuracy of resolution between magnifications. The voxel sizes for 63x
and 25x magnification were 0.0253 um x 0.0253 pm x 0.2812 um (x y z) and 0.0722 pm x 0.0722
um x 0.5054 um (x y z), respectively. Comparing fiber diameters of the same sample using the
25x and 63x objective would be informative here. Fiber lengths were defined as the path between

two branch points. Measuring fiber lengths from the acquired z-stacks was challenging as with
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increasing displacement because it became increasingly difficult to identify branching points as
fiber density increased, fibers overlapped, and fiber orientation converged towards the direction of
tension. There were no statistically significant differences among fiber lengths that could be
discerned for 6 = 1000 — 3000 pm using the slider assembly (Fig. 3.4 O). However, it is worth
noting that fiber lengths measured were not biased based on fiber orientation, thus both fibers
aligned and not aligned with the direction of tension were measured. An assessment of fiber length
categorized by fiber orientation, would be necessary to evaluate if fibers in alignment with the
direction of tension have different lengths than those in the direction of tension as displacement
increases. Stress and strain information from the FemtoTools and spring assembly (Fig. 3.3 A-J,
K) can be coupled with the structural network information gathered from the spring assembly (Fig.
3.3L-N) and slider assembly (Fig. 3.4 K-O) to inform discrete fibrin network computational
models that seek to describe and predict how mesoscale structural properties influence macroscale
mechanics. Future analysis could also inform on the branching density (number of fibers connected
at a branch point), and branch point density (number of branch points for a given volume) as these
are descriptive of the network structure (Britton et al., 2019; Ryan et al., 1999). The macroscale
mechanical information and mesoscale structural parameters that we have collected here (i.e.
volume fraction, fiber diameter, fiber length, fiber orientation), will be used to inform a DFN
computational model. Informing DFNs with tensile stress-strain data and mesoscale structural
deformations from the same sample has not been achieved until now. The DFN will be able to run
multiple simulations predicting how altering the structural parameters of fibrin gels would
influence the macroscale mechanical properties. This computational model will speed up the
development of scaffolding with desired structural and mechanical properties by optimizing design
parameters through simulations, which are fast faster than experimental approaches.

Future work will aim to minimize motion artifacts from the FemtoTools and spring system
by increasing the stability of the sample interface. One approach would be to update the spring
model, which has a stiffness low enough to resolve the force contribution of fibrin gels, to be more
stable by incorporating low friction railings that prevent off-axis movement, or by utilizing more
stiff materials, such as the silicon wafers used in other hydrogel tensile testing platforms
(Elhebeary et al., 2019; Emon et al., 2021). Another approach would be to reduce the force
contribution of friction from the slider system. Mineral oil (Lily White, AlbaChem) was used to

lubricate the slider, but did not reduce the friction enough to resolve the force contribution of fibrin
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gels with this setup. Other commercially available lubricants and sliders can be tested. Additionally,
image acquisition optimization and image post-processing and analysis to characterize network

properties will be explored.

4.3 Heterogeneous Fibrin Gel with Varying Density

A heterogeneous fibrin gel composed of 2 mg/mL fibrin with a 4 mg/mL ellipsoid insert (Fig.
3.5 A, B) was constructed to model an interfacial ECM boundary with different material properties.
The heterogeneous fibrin gel had a non-uniform strain distribution that varied by region upon
tensile testing. As expected, regions with higher concentration experienced a lower strain than
regions composed of the lower concentration fibrin. This is supported by both the empirical data
(Fig. 3.5 E, F) and FE model simulated strain fields (Fig. 3.6 C). Creating an FE model based on
the mechanical properties of homogeneous fibrin allowed us to simulate the stress-strain response
of heterogeneous gels that was verified experimentally. The overall stress-strain response of
heterogeneous gel, estimated from the FE model, falls in between the bulk response for the 2
mg/mL and 4 mg/mL fibrin. Notably, the strain field for the heterogeneous gel was measured
experimentally by imaging the deformation of a fiducial grid. These results aligned with the FE
model. The heterogeneous fibrin gel model demonstrated here with a stiff inclusion could be
representative of tumor ECM which is more stiff than the ECM of the surrounding stroma
(Bordeleau et al., 2013). Adapting this model to have a an inclusion that is less stiff than its
surrounding could be representative of a cutaneous skin wound in which a softer fibrin clot is
surrounded by a stiffer, mostly collagenous, healthy tissue (Miron-Mendoza et al., 2017).
Additional configurations could be modeled to create in vitro models with material composition

and geometric complexity more representative of in vivo ECM conditions.
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S. CONCLUSIONS AND FUTURE WORK

In summary, we demonstrated a strategy to quantify the multiscale mechanics of fibrin gels
by measuring the macroscale stress-strain response and the mesoscale fiber network structure
during uniaxial tensile tests. Information gathered from these tests can be used to inform
computational models that seek to describe and predict how structural changes of the ECM at the
mesoscale influence macroscale stress and strain, and vice versa. Future iterations of our
mechanical testing setup will seek to minimize minute sample movements that may lead to motion
artifacts in acquired images. We also developed an in vitro model using heterogeneous fibrin gels
to recapitulate an interfacial ECM boundary. We informed a computational model with the
empirical stress-strain response and organization of homogeneous fibrin gels. The model was then
used to predict the non-uniform stress and strain of the heterogeneous gel under uniaxial tension.
Future work may also include making these in vitro models more physiologically relevant by
incorporating additional factors that influence multiscale mechanics of the ECM such as cell-
regulated ECM degradation and deposition in response to mechanical and biochemical stimuli.
The strategies proposed here can be extended to characterize the multiscale mechanics of other
biological materials and improve scaffold design, including complex interfacial ECM boundaries

between tissues.
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Abstract

The mechanical properties of tissues are critical design parameters for biomaterials and
regenerative therapies seeking to restore functionality after disease or injury. Characterizing the
mechanical properties of native tissues and extracellular matrix throughout embryonic
development helps us understand the microenvironments that promote growth and remodeling,
activities critical for biomaterials to support. The mechanical characterization of small, soft
materials like the embryonic tissues of the mouse, an established mammalian model for
development, is challenging due to difficulties in handling minute geometries and resolving forces
of low magnitude. While uniaxial tensile testing is the physiologically relevant modality to
characterize tissues that are loaded in tension in vivo, there are no commercially available
instruments that can simultaneously measure sufficiently low tensile force magnitudes, directly
measure sample deformation, keep samples hydrated throughout testing, and effectively grip
minute geometries to test small tissues. To address this gap, we developed a micromanipulator and
spring system that can mechanically characterize small, soft materials under tension. We
demonstrate the capability of this system to measure the force contribution of soft materials,
silicone, fibronectin sheets, and fibrin gels with a 5 nN — 50 uN force resolution and perform a
variety of mechanical tests. Additionally, we investigated murine embryonic tendon mechanics,
demonstrating the instrument can measure differences in mechanics of small, soft tissues as a
function of developmental stage. This system can be further utilized to mechanically characterize
soft biomaterials and small tissues and provide physiologically relevant parameters for designing

scaffolds that seek to emulate native tissue mechanics.
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Statement of Significance

The mechanical properties of cellular microenvironments are critical parameters that
contribute to the modulation of tissue growth and remodeling. The field of tissue engineering
endeavors to recapitulate these microenvironments in order to construct tissues de novo. Therefore,
it is crucial to uncover the mechanical properties of the cellular microenvironment during tissue
formation. Here, we present a system capable of acquiring microscale forces and optically
measuring sample deformation to calculate the stress-strain response of soft, embryonic tissues
under tension, and easily adaptable to accommodate biomaterials of various sizes and stiffnesses.
Altogether, this modular system enables researchers to probe the unknown mechanical properties
of soft tissues throughout development to inform the engineering of physiologically relevant

microenvironments.
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1. Introduction

Biological tissues perform a myriad of functions and vary broadly in composition and
mechanical properties. The extracellular matrix (ECM) is an essential component of tissues and is
a dynamic network of macromolecules that surrounds cells, regulates cellular behavior, and
provides a substrate for tissue organization[1]. The composition of the ECM and interactions
between cells and the ECM contribute to the mechanical functionality of tissues[2,3]. Conversely,
the mechanical environment is an important factor that drives cellular function and
organization[4,5]. Age and disease significantly influence the material properties of biological
tissues. Mechanical characterization can assess how these factors change tissue functionality[6,7].
For instance, during tendon development, the composition and organization of the ECM and cells
vary widely, which will manifest in changes in the mechanical response of the tissue, such as an
increase in tensile strength and tangent modulus[8,9]. Mechanical cues from tissue stiffness,
muscle contractions, and embryonic motility support tendon development and changes in material
properties (e.g., tangent modulus), which affect the effective transfer of force from muscle to bone,
directly impacting functionality[10].

Given the parallels between embryonic development and effective wound healing,
understanding how mechanical changes correlate with cell and ECM dynamics during embryonic
development can inform tissue engineering and regenerative medicine strategies[11,12]. Mice are
commonly used in the study of development and disease due to the ease of genetically modifying
the expression of proteins of interest compared to other mammalian species[13—15]. Due to the
challenges in mechanically testing embryonic murine tendons, tendon development has been
studied using chick models and indentation force curves from tendon cryosections to calculate the

moduli at the nano and microscales[16,17]. The microscale moduli increased nonlinearly during
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development, ranging from ~10-150 kPa; however, other values reported in the literature for the
moduli of late-stage embryonic chick tendon undergoing uniaxial tensile loading varied by about
100-fold, ranging from 0.21 MPa to 20 MPa [10,18]. The use of cryosections limits the evaluation
of whole-tissue mechanics as a function of development and does not replicate the physiological
loading conditions of the tendon in vivo. While cell-scale mechanical properties may be more
relevant in investigating mechanoregulation of cell differentiation and function, studying the
macroscale tensile properties of embryonic tendon is critical for understanding tissue mechanics
as a function of development.

Additionally, in vitro models are a powerful tool to understand the mechanical interactions
between cells and the ECM at the fibrillar scale, required to ensure appropriate cell behavior and
tissue function[6,19,20]. The use of multifunctional ECM polymers like fibrin and fibronectin
provides a framework for evaluating the ECM at the fibrillar scale; however, the mechanical
influence of these polymers during tissue growth and remodeling is not completely understood.
Fibrin is a temporary matrix that supports blood clotting and wound healing in vivo. Gels can be
made in vitro by combining fibrinogen and thrombin, and fibrin gel is used in the clinic as a wound
sealant due to its quick polymerization reactions and appropriate tissue adherence. Fibrin gel has
also been used as a scaffold in tissue engineering applications[21]. Fibronectin is an ECM protein
with many roles, including facilitating cellular adhesion and migration through the ECM, tissue
growth and development, and ECM assembly[22]. Under the right conditions in vitro, fibronectin
can be polymerized into robust sheets for the 3D culture of cells[23,24]. Characterization of the
mechanical properties of embryonic murine tissues and ECM polymers is crucial for understanding
the role of mechanics in tissue assembly and providing a benchmark for de novo functional tissue

formation and applied regeneration strategies[25,26].

43



Nevertheless, the mechanical characterization of murine soft tissues and ECM polymers is
challenging due to difficulties in handling samples with small dimensions and measuring forces of
low magnitudes, making tensile testing equipment used for adult soft tissues unsuitable.
Additionally, synthetic hydrogels can be difficult to generate in large geometries to mechanically
test using traditional uniaxial tensile testing instrumentation, despite being a critical step in the
evaluation of biomaterials[27-29]. Atomic force microscopy (AFM) indentation measurements
can be used to mechanically characterize materials and has been utilized to study tissues and
hydrogels at the nano and microscales [30]. Using AFM to measure stiffness through compression
is a suitable testing modality for hydrogels and other biomaterials designed to withstand
compressive forces, for instance, when seeking to recapitulate cartilage. However, many tissues
are loaded in tension in vivo, such as tendon, and cells exert tensile forces onto their surrounding
microenvironment so that ECM networks and fibrils are uniaxially loaded[31]. The ability to test
small, soft tissues and biomaterials in tension while taking force measurements is therefore critical
for identifying parameters for regenerative therapies.

Various commercially available and custom-built systems have been developed to uniaxially
test small biological materials in tension. The length of small, soft materials that have been tested
can range from 500 um[32] for hydrogels to 20 mm for adult rat Achilles and tail tendon
fascicles[33]. The force threshold and resolution that can be measured depend on the sensing
mechanism. For example, different uniaxial tensile testing systems used to characterize soft
biomaterials or tissues had force resolutions (i.e., the minimum force magnitude that can be
measured with a system) ranging from 11 nN[32] to 2.5 mN[34] with force thresholds of at least
100 uN to 2500 uN, respectively. Other commercially available and custom tensile testing systems

relevant to biomaterials include: BioTense Bioreactor (Admet) with a 5 N force threshold and 1000
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uN resolution; UStretch (CellScale) and Biotester (CellScale) with 0.5 N threshold and 1000 uN
resolution; Material Testing System developed by Ye et al.[35] with 0.2 N threshold and 100 uN
resolution; MicroTester (CellScale) with 5 uN threshold and 10 nN resolution. Securing soft
biological samples via clamps or winding with wire or thread in order to secure them for testing
can result in stress concentrations, increased local deformation proximal to the grips, and low
friction between clamps and the sample that can lead to slipping[27,36,37]. Grip-to-grip
displacement can be used to calculate strain; however, this does not capture regional variation or
account for deformation at the interface between the tissue and the grips. Therefore, strain is
commonly calculated by tracking the displacement of the sample of interest using optical surface
markers (e.g., microspheres, graphite)[33,38,39] to directly observe sample deformation, avoiding
errors attributed to gripping soft biological materials.

Currently available uniaxial tensile testing modalities meet some of these desirable
specifications. However, there is no single system that possesses all the necessary criteria to
mechanically characterize mouse embryonic tendons. There is a need for an instrument that can
measure force at sufficiently high resolution, optically measure sample deformation, keep samples
hydrated throughout testing, and effectively secure the minute geometries of embryonic mouse
tendons and other small, soft tissues and biomaterials. To address this gap, we developed a system
that satisfies all these criteria. We designed and 3D printed springs and fabricated sample holding
frames to accommodate a range of sample geometries and stiffness. The spring was coupled with
a commercially available micromanipulator and force sensors (FemtoTools) that have 100 uN
threshold with 5 nN resolution, 10,000 uN threshold with 5 uN resolution, and 100,000 uN
threshold with 50 uN resolution (depending on the sensor used and the data acquisition rate), and

with a dissecting microscope to visualize sample deformation. The FemtoTools system was chosen
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because it provides force thresholds and resolutions comparable to other commercially available
tensile testing modalities relevant to biomaterials. Additionally, the modularity of the FemtoTools
system allowed us to adapt our system to accommodate different sample sizes and stiffnesses. The
system was validated by comparing the measured mechanical response of Solaris Silicone, a
material with known mechanical properties, to the mechanical response of the same material
measured with a commercially available tensile tester. Our system measured the mechanical
responses of soft materials of varying stiffnesses and geometries, including fibronectin sheets, and
fibrin gels, as well as assess mouse embryonic tendon mechanics as a function of development.
This system can be further utilized to mechanically characterize other tissues and ECM, which is
critical for expanding the understanding of the cellular microenvironment during growth and
development and defining design parameters for scaffolding with applications in regenerative

medicine.

1. Materials and methods
1.1.Development of modular tensile testing system
The micromechanical testing assembly was built around a dissecting microscope (M80,
Leica Microsystems; Fig. 1A). A commercially available micromanipulator system (FT-RS1002,
FemtoTools) and force sensing probes (FT-S10°000 and FT-S100°000, FemtoTools) were adapted
for uniaxial loading of small soft tissues and biomaterials (Fig. 1B). The micromanipulator system
maneuvers along the x, y, and z axes with a displacement range of 5 nm — 26 mm. The microforce
sensing probes are capable of resolving 5 nN — 50 uN forces. The micromanipulator and each
individual microforce sensor were calibrated by the manufacturer prior to use. The displacement

of the micromanipulator was verified optically under a dissecting microscope. The microforce
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sensors have exposed electronics that can be damaged when they come in contact with aqueous
solutions. Therefore, springs were designed to act as an interface that allows samples to remain
hydrated during testing, while providing an attachment point for the microforce sensor away from

the liquid.
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Figure 1. Instrumentation to measure force and optical displacement of soft tissues. (A)
Dissecting microscope and mechanical testing system. (B) FemtoTools micromanipulator
and spring assembly. (C) Detail of spring assembly. The microforce sensor has a custom hook
probe that connects the micromanipulator to the spring, enabling the samples to remain hydrated
in PBS. Samples are glued onto frames and loaded onto the spring. The sides of the frame are cut
prior to testing. Top view of SolidWorks model of sample before (D) and during (E) tensile
testing. (F) Fibrin gel raw data, baseline, and baseline-adjusted force-displacement curves
demonstrate the ability of the system to measure the force contribution of soft materials. At a
displacement of 1000 pm, the force values for the raw fibrin gel, the baseline adjusted fibrin gel,
and the baseline were 1478 uN, 899 uN, and 579 uN, respectively. At a 1000 pm displacement,
the raw fibrin gel force was 155% greater than the respective baseline value at the same
displacement.

Custom springs and frames (Fig. 1C) were designed and fabricated to accommodate the
mechanical testing of samples with varying geometries and stiffnesses. Three spring

configurations, spring 1, spring 2, and spring 3, were designed to accommodate different sample
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geometries by varying the distance between fixed and moveable ends (Supplemental Fig. 1). The
distance between the fixed and moveable end was 2 mm, 3.7 mm, and 8.5 mm for spring 1, spring
2, and spring 3, respectively. Frames were drawn in Adobe Illustrator (Adobe) and laser cut out of
100 um-thick polyethylene terephthalate (PET) using a Universal Laser VLS3.50 (Universal Laser
Systems) (Supplemental Fig. 2A-H). The PET frames kept the samples in a static configuration
and minimized sample deformation while staining, processing, and mounting onto the 3D printed
springs. The spring and micromanipulator assembly were securely mounted onto an optical table
using custom-built fixtures to avoid undesired part movement during testing and consequent
system damage. The dissecting microscope, also securely mounted on the optical table, facilitated
handling and situating samples on the 3D printed spring and enabled the calculation of optical
strain.

Springs were designed using SolidWorks (Dassault Systemes), 3D printed (ProJet MJP
2500) with UV curable plastic (M2R-CL, VisiJet), and post-processed to remove wax support
material by placing first in a steam bath then a heated oil bath, following the manufacturer’s
guidelines. The resolution of the printer is 32x28x32 um?’. A liquid-retention basin was
incorporated into the spring design to keep samples hydrated with 1x phosphate buffered saline
(PBS) throughout testing. The spring was connected to the micromanipulator system via a pillar
that vertically offset the microforce sensor, away from the PBS, to minimize risk of damaging
exposed electronics (Fig. 1C). The resolution of the 3D printer was not sufficient to create an
interface onto which the hook at the end of the microforce sensor probe could attach. Therefore, a
small PET hook-interface was laser cut and adhered onto the spring at the top of the pillar using
Loctite Super Glue Gel Control (cyanoacrylate-based adhesive). The PET hook-interface was

designed to facilitate attachment to the hooked probe at the end of the microforce sensor (Fig. 1C).
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The initial force-displacement measurement was compared to other springs to confirm the

mechanical response was within the expected magnitude.

1.2.Mechanical Testing Protocol

PBS was added to the liquid-retention basin of the spring at least 2 hours prior to
mechanical tests. PET frames containing the samples to be tested were manually loaded onto the
spring and cut with angled scissors prior to mechanically testing (Supplemental Fig. 2A-H), freeing
the sample to deform under tension. (Fig. 1C-E). The length of each sample was measured optically
and was used to calculate the appropriate speed to achieve the desired strain rate. Custom
LabVIEW programs were written to control the movement of the micromanipulator and to
automate testing by prescribing the direction, magnitude, and speed of displacement. Force
measurements and actuator displacement were recorded at 100Hz. Force-displacement curves
were used to demonstrate the capability of the system to measure the force response of soft
materials. To further characterize the stress-strain response of certain specimens, strain and cross-
sectional area were measured optically.

To enable the optical measurement of engineering strain, fiducial lines were photobleached
onto AF488 labeled specimens using an upright Zeiss LSM 800 confocal microscope (Carl Zeiss
Microscopy) and a 10x Plan-Neofluar (NA = 0.3) objective. Equidistant lines were photobleached
by creating a 20 um wide region of interest (ROI) along the sample width using the Crop feature
in the ZenBlue software package (Carl Zeiss Microscopy). The power of the 488 laser was set to
100% and a line was photobleached into the AF488 stained samples by acquiring a z-stack through
the sample thickness in 10 um increments. After the photobleached lines were generated, a z-stack

of the entire sample was acquired (Supplemental Fig. 21-K). The unloaded cross-sectional area
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was measured between each pair of fiducial lines from the z-stack acquired using the ZenBlue
software package (Carl Zeiss Microscopy).

The dissecting microscope magnification was adjusted to enable visualization of the
sample throughout testing and a camera (INFINITY3-3URC, Lumenera) was coupled to the
microscope to acquire videos for the duration of a mechanical test. For 2.5% magnification, the
ROI during video acquisition was 6.2 mm x 4.7 mm and 1936 % 1456 pixels. The exposure time
was adjusted for each sample to optimize contrast between the sample and fiducial lines using the
camera’s software package (INFINITY ANALYZE 6.5, Lumenera). Frame rate is inversely
proportional to exposure time. Since the exposure time was adjusted for each sample based on
fluorescence intensity, the frame rate ranged from 3 — 8 frames/second.

The spring and sample were loaded in parallel (Fig. 1C). Parallel force contributions are
additive, 1.e., Feombined = Fypring + Fsample. Therefore, to isolate the force contribution of the sample,
the contribution of the spring, or baseline, was measured prior to every test by recording force-
displacement data of the spring in the system without a sample (Fig. 1F). A baseline was recorded
for each individual sample at the appropriate strain rate (based on the sample length) and to account
for potential variation in the force contribution of the spring over time.

1.3.Data analysis

After tensile testing was completed, the baseline force readings (i.e., spring alone) were
subtracted from the force recorded for each sample to isolate the force contribution of the material
of interest (i.e., Fsample = Feombined - Fspring). T0 calculate stress, the isolated force for each sample
was divided by the cross-sectional area. The FIJI (NIH) getSplineCoordinates macro was modified
and used to manually draw segmented polylines over the fiducial lines on each frame from the

recorded video. Each polyline was converted into a smoothed spline, and the x and y position of
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each point along the splines was output as an array on a .txt file. A custom MATLAB (MathWorks)
algorithm was written to import the output arrays from FIJI and calculate the average distance
between fiducial lines for each frame from the recorded video using the x and y coordinates from
the FIJI output. Optical strain was calculated using the equation (L; — Lo)/Lo, where Lo is the
average distance between fiducial lines for the first frame of the video, and L; is the average
distance between fiducial lines for each subsequent frame (Supplemental Fig. 3).

The acquisition rate for force measurement was 100 data points per second (100Hz), and
videos were recorded at 3 — 8 frames per second. Therefore, the stress data arrays were larger and
contained more time intervals than the strain data arrays. To generate stress-strain curves, a time
array was generated using the strain data. Then, stress values which corresponded to the strain time
points were selected. The corresponding stress and strain data were plotted and fit to a polynomial
function using Excel curve fitting algorithms, based on R? values, ensuring the polynomials
followed the typical stress-strain responses of soft tissues[40,41]. The derivative of the polynomial
function at a specific strain value was used to calculate the tangent moduli at selected strains.

1.4.Sample preparation
1.4.1. Reference material — Solaris silicone

System validation was performed by testing Solaris (Smooth-On, Inc.), a platinum-cured
silicone, and comparing data from our setup with that acquired using a commercially available
bulk tensile tester (TA.XTPIlus Connect, Stable Micro Systems). Solaris was selected because it
has well defined material properties that can be modulated to be similar to the biological samples
of interest[27,42,43]. Solaris was prepared per manufacturer’s instructions and cut to size manually
with a scalpel blade. A mixture of equal parts Solaris Part A and Part B was prepared in a 20 mL

scintillation vial followed by degassing with a vacuum desiccator. Thin film samples for
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mechanical testing on the FemtoTools system were prepared by spin coating (Laurell Technologies
Corporation WS-650-23B) 2 g of uncured Solaris on a 75 mm x 25 mm microscope slide coated
with polyacrylic acid, which served as a sacrificial layer. Samples were spin coated at 3000 RPM
for 30 seconds then placed in an oven at 70°C to cure for 3 hours. The films were removed from
the microscope slide by dissolution of the intermediate polyacrylic acid layer using reverse
osmosis purified water. To generate samples with the optimal aspect ratio (length:width > 5:1) for
tensile testing, the thin films were cut using a laser-etched grid and a scalpel[44,45]. The resulting
dimensions were measured optically from images acquired with a dissecting microscope. Samples
tested with spring 1 were 2645.0 £ 471.4 um X% 216.4 + 42.3 um (n = 5) and samples tested with
spring 2 were 3514.0 +£420.6 um x 308.1 £ 82.5 um (L x W) (n =5), all with a thickness of 117.0
+ 4.2 um. Solaris thin films were adhered directly to PET frames using Loctite Super Glue Gel
Control (Supplemental Fig. 2E). Tensile tests were performed using the FemtoTools
micromanipulator and spring system described above, while the samples were surrounded by PBS.
Tensile tests were conducted using spring 1 and spring 2. Actuator displacement data was used to
calculate strain.
1.4.2. Bulk material testing — Solaris silicone

Samples for bulk testing were prepared by filling a 75 mm x 50 mm % 4 mm glass mold
with uncured Solaris and leaving it to cure in an oven at 70°C for 5 hours. The dimensions of
samples tested on the bulk tensile tester were 15.29 + 0.48 mm x 6.32 + 1.50 mm % 3.85 £+ 0.04
mm (L x W x H) (n = 5). For bulk testing, Solaris samples were gripped at each end using the
TA.XTPlus clamps, and tensile tests were performed at a strain rate of 0.01 s while force and

displacement data were recorded through the TA.XTPlus Connect system. These tests were
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performed in the ambient environment (i.e., dry) as it was not possible to add a hydration chamber
around the TA.XTP/us Connect.
1.4.3. Fibrin gels

Porous polyethylene blocks were adhered onto 6 mm X 12.5 mm frames using Loctite
Super Glue Gel Control and used as anchor points for 2 mg/mL fibrin gel constructs (Supplemental
Fig. 2F). A custom mold was used to align the frame and to control the shape of fibrin gel as it
polymerized so that a rectangular gel formed between the two porous polyethylene blocks. Human
fibrinogen (14.15 mg/mL; FIB3, Enzyme Research Laboratories) and Alexa Fluor 488 conjugated
human fibrinogen (1 mg/mL; F-13191, Molecular Probes) were thawed in a 37°C water bath,
mixed at a 1:10 fluorescent to non-fluorescent fibrinogen content ratio, and diluted in PBS to
achieve a 2 mg/mL fibrinogen solution. Next, 1 uLL 2M CaCl, was added to the fibrinogen solution
to increase gel rigidity and stability[46,47]. Human a-thrombin (HT 1002a, Enzyme Research
Laboratories) was thawed, diluted to 1 U/uL, and added to the 2 mg/mL fibrinogen solution at a
concentration of 0.0004 U thrombin per mg fibrinogen to initiate polymerization of the fibrin gel.
Fiducial lines were photobleached and cross-sectional areas were measured as described above,
however a STELARIS 5 confocal microscope (Leica Microsystems) and a 10x Apochromatic dry
(NA = 0.40) objective were used. Frames with fibrin gels (n = 5) were loaded onto spring 3, and
tensile tests were conducted at 0.01 s strain rate and prescribing a 1000 um — 6000 pm
displacement, equivalent to € = 0.15 — 0.91 based on actuator displacement. Samples were kept
hydrated by PBS in the liquid-retention basin during testing.

1.4.4. Fibronectin
Polydimethylsiloxane (Sylgard 184, Dow Corning) was cured at a 10:1 elastomer to curing

agent ratio, manually cut into I mm % Imm X 1 mm blocks, adhered onto 6 mm X% 12.5 mm PET
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frames using Loctite Super Glue Gel Control, and coated with fibronectin sheet as previously
described (Supplemental Fig. 2G)[23,48]. To visualize the samples, fibronectin-coated frames
were stained with Alexa Fluor 488-conjugated wheat germ agglutinin (WGA; ThermoFisher),
diluted 1:100 in 1x PBS + 0.2% bovine serum albumin + 0.02% sodium azide for 24 hours at 4°C,
then rinsed with 0.1% Triton X-100 in 1x PBS (PBST) at room temperature for 30 minutes.
Fibronectin-coated frames (n = 2) were loaded onto spring 3 for uniaxial loading and surrounded
by PBS during testing. Cyclic loading was performed to 400 pm at a strain rate of 0.04 s™! for 10
cycles. Tensile test to failure was conducted at 0.04 s™!.
1.4.5. Developing tendons

All murine experiments were approved by the Purdue Animal Care and Use Committee
(PACUC; protocol 1209000723). PACUC ensures that all animal programs, procedures, and
facilities at Purdue University adhere to the policies, recommendations, guidelines, and regulations
of the USDA and the United States Public Health Service in accordance with the Animal Welfare
Act and Purdue’s Animal Welfare Assurance. C57BL/6 mice were time-mated to generate
embryonic day (E)16.5 and E18.5 embryos. Dams were euthanized via CO> inhalation, which was
confirmed using cervical dislocation. Embryos were removed from the uterine horns, rinsed in
chilled 1x PBS and the hindlimbs were excised at the hip joint. Tibialis anterior (TA) muscle-
tendon-bone units were dissected by removing the skin with tweezers and then the surrounding
connecting tissue with a blade under a dissecting microscope to avoid tissue damage. The bone
and muscle insertions were maintained to keep the physiologically relevant boundary conditions
of the tendons and aid in sample handling for mechanical testing. Tendons were adhered directly
to laser-cut PET frames at the bone and muscle insertions using Loctite Super Glue Gel Control

(Fig. 2A; Supplemental Fig. 2H) and were immediately immersed in a large volume of PBS. Direct
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contact between the tendons and glue was avoided to prevent altering the composition of the
tendons. Samples were either stained immediately as follows or decellularized as described below.
Tendons were rinsed in 1x PBS and stained with AF488-conjugated WGA (ThermoFisher) to
visualize proteoglycans, diluted 1:50 in blocking buffer [10% donkey serum (Lampire) in 1x PBST]

for 1 hr at room temperature.
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Figure 2. Isolation and preparation of E16.5 murine tendon for tensile testing. (A) The TA
muscle — tendon — bone units were carefully dissected from freshly harvested embryos. To
minimize damage to the tendon (¢) during processing as well as to attach them to the 3D printed
spring part during mechanical testing, muscle — tendon — bone units were glued onto PET frames
using Loctite (L) at the muscle (m) and the bone (b) insertions (bars = 1 mm). (B) Tendons were
stained with AF488-conjugated wheat germ agglutinin, and photobleached with a Zeiss 800
confocal to obtain fiducial lines for optically measuring strain. Full-thickness z-stacks were
obtained to enable quantification of the cross-sectional area (bar = 200 um). (C) Full field images
of E16.5 decellularized TA tendon ate = 0.0 and 0.2 showing the regions investigated along the
tendon.
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Samples were mounted onto the springs and kept hydrated with PBS at all times. Fiducial
lines were photobleached and cross-sectional areas were calculated, as described above (Fig. 2B).
E16.5 tendons were tested using 4 mm x 6 mm frames and spring 1 (n = 3), while E18.5 tendons
were tested using 4 mm x 7.65 mm frames and spring 2 (n = 3) (Supplemental Fig. 1C). Tensile
tests to failure were conducted at 0.01 s strain rate without preconditioning. Stress-strain
datapoints were fit to polynomial functions for the calculation of the tangent moduli at relevant
strain values. Embryonic tendon data sets were fit to a second order polynomial with the y-intercept
set at the origin.

1.4.6. Decellularization of tendons

E16.5 and E18.5 TA muscle-tendon-bone units, secured to PET frames, were incubated in
8 mL 0.05% sodium dodecyl sulfate (SDS) with 1x Halt protease inhibitor (PI, ThermoFisher) in
Ix PBS and gently rocked overnight. Completion of decellularization was determined by
subjective visual inspection of samples and when ECM visualization was enhanced after
immunostaining[49,50]. Upon decellularization, samples were rinsed in an excess of 1x PBS for
1 hr and stained and imaged prior to mechanical testing as described above. Tensile tests were
conducted at 0.01 s! strain rate and loading by prescribing either a 5,000 pm displacement, a
displacement equivalent to 100% strain based on actuator displacement, or until material failure.
Samples were hydrated with PBS at all stages of testing. The regional stress-strain response
corresponding to an individual pair of lines was averaged along the entire sample to investigate
the effect of decellularization on E16.5 tendons and compare the mechanics of decellularized
E16.5 (n = 3) and E18.5 (n = 3) embryonic timepoints (Fig. 2C). The purpose of testing

decellularized tendons is twofold: to isolate and study the contribution of the ECM in the
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mechanics of embryonic tendons and investigate if our system could resolve differences in
mechanical properties as a function of treatment (i.e., decellularization) by testing both untreated

and treated tendons.

1.5.Statistical methods

All the statistical analyses were conducted using GraphPad Prism 8.4.2 (GraphPad
Software). A two-way ANOVA and Tukey’s post hoc test were performed to evaluate differences
in the mean tangent moduli between Solaris samples tested with different instruments (i.e., custom
FemtoTools system and TA.XTPlus Connect). To evaluate tendon mechanics as a function of
decellularization, residuals were checked for normality and Gaussian distribution. Residuals did
not pass Shapiro-Wilk and D'Agostino-Pearson omnibus tests, so a two-way ANOVA was
performed on the logio of the tangent moduli. For the evaluation of tendon mechanics as a function
of development, a two-way ANOV A with Sidak multiple comparisons was conducted on the mean
tangent moduli at each stage. For the evaluation of regional stiffness in E16.5 tendons, a two-way

ANOVA and Tukey’s post hoc test was performed.

2. Results
2.1.8pring Design

A commercially available FemtoTools micromanipulator system was adapted to enable the
optical measurement of strain while keeping biological samples hydrated in a bath. To mitigate
the risk of damaging the microforce sensing probe with the PBS used to keep samples hydrated,
3D printed springs were designed. Three different springs were designed to accommodate various
sample geometries (Supplemental Fig. 1). Custom PET frames for each spring were laser cut and

used to secure the samples while processing and mounting onto the spring. The coil design for
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springs 1-3 was the same; however, the spacing between the frame attachment sites were modified
to accommodate the geometry of the different frames and biological samples. The spacing between
the fixed and moveable sections of the spring were 2 mm, 3.7 mm, and 8.5 mm for spring 1, spring
2, and spring 3, respectively.

The spring and sample are loaded in parallel (Fig. 1D). Forces in parallel are additive, i.e.,
Feombinea = Fspring + Fsampie. Therefore, the force contribution from the spring alone (baseline) was
subtracted to isolate the force contribution from the sample (Fsampie = Feombined - Fspring; Fig. 1F).
The force necessary to deform the three different spring designs was comparable; the force
responses (tangent of the loading curve at a 250 pum displacement) of spring 1, spring 2, and spring
3 for a 1000 um displacement at 10um/s were 0.61 uN/um, 0.67 uN/um, and 0.62 puN/pm,
respectively (Supplemental Fig. 4A). The stiffness of the spring was higher immediately after 3D
printing and post-processing, with an initial force response (tangent of the loading curve at a 250
um displacement) of 2.84 uN/um. However, as the spring was loaded and unloaded over time, the
stiffness decreased and reached a stable force response (Supplemental Fig. 4B). From days 0 — 7,
there was a cumulative loading displacement of 2.1 mm, and the force response of spring 1 ranged
from 2.88 uN/um to 0.58 uN/um, the average and standard deviation were 1.72 = 0.96 puN/um.
From weeks 5 — 21, there was a cumulative loading displacement of 275.0 mm, and the force
response of spring 1 ranged from 0.61 uN/um to 0.41 uN/um, the average and standard deviation
were 0.51 £ 0.09 uN/um. The trend in decreasing standard deviation as spring 1 was loaded and
unloaded over time, suggests that the spring will reach a fatigue limit with use and settle to a
constant force response. The variation in the initial stiffness of the spring serves to highlight the
importance of why the baseline contribution was measured prior to testing samples to account for

the force contribution from the springs.
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Adding PBS to the liquid-retention basin led to a predictable effect on the mechanical
response of the spring. The stiffness of the spring was higher when it was dry than when it was
immersed in PBS. The initial stiffness (tangent at 250 um displacement), from two measurements
taken 7 minutes apart, was 2.34 + 0.02 pN/um. After the spring was exposed to PBS for
approximately 90 minutes, the stiffness decreased to 0.66 + 0.01 uN/um, whereas 16.3 hours (994
minutes) later, the stiffness remained unchanged 0.64 + 0.02 uN/um (Supplemental Fig. 5).
Therefore, the spring should be placed in PBS at least 90 minutes prior to mechanical testing to
achieve a stable baseline. Once a baseline force response was established, the force response of
the spring did not significantly change before and after sample testing (p = 0.32, Student’s t-test).
The pre-test baseline stiffness of the spring (tangent at 250 um displacement) was 0.61 + 0.02
uN/um (n = 3). Post-test baselines were recorded after testing fibrin gel samples and the spring
stiffness was 0.58 = 0.05 uN/um (n = 3; Supplemental Fig. 6).

2.2.Validation of spring-micromanipulator system

To confirm that the system could accurately determine the stress-strain response of a
material of known properties, Solaris, a platinum-cure silicone rubber, was tested using both our
system and a commercially available tensile-tester, TA.XTPlus Connect. Furthermore, two
different spring configurations, spring 1 and spring 2, which have the same spring geometry, but
were designed to test materials of different lengths, were compared to investigate if variations in
design influenced the characterization of the material properties. Representative curves from the
three configurations qualitatively showed similar stress-strain responses (Fig. 3A); however, the
slope was larger by 29% at ¢ = 0.1 for samples tested with the TA.XTPlus instrument.

Quantification of the tangent moduli showed no significant difference between the two spring
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configurations, while the stress-strain response of the bulk material diverged from these values at

lower strains (Fig. 3A).
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Figure 3. Validation of FemtoTools micromanipulator system. Solaris silicone samples were
tested using our FemtoTools system with two different spring configurations and a TA. XTPlus
Connect bulk material testing instrument. (A) Representative stress-strain curves of Solaris
samples on the two instruments. The dotted line is a linear curve fitting of the Solaris sample
tested on the TA.XTPlus Connect. (B) Comparison of the tangent moduli of Solaris tested on the
FemtoTools system and TA.XTPlus Connect (FemtoTools + spring 1 (n=5), FemtoTools +
spring 2 (n=5), TA.XTPlus Connect (n=5); error bars = std. dev.; two-way ANOVA, followed by
Tukey’s post hoc test: ***p<0.0002, ****p<0.0001).

This divergence was indicated at ¢ = 0.1, where the tangent moduli of Solaris samples
tested with FemtoTools (spring 1: 0.208 + 0.024 MPa; spring 2: 0.207 = 0.014 MPa) were
significantly different than those tested with the TA.XTPlus system (0.293 + 0.016 MPa) (Fig.
3B). Testing Solaris on spring 1 and spring 2 with the FemtoTools system did not lead to
significantly different tangent moduli for this material. At strain values of 0.15 (FemtoTools spring
1:0.243 +£0.033 MPa; FemtoTools spring 2: 0.234 + 0.037 MPa; TA.XTPlus: 0.269 + 0.018 MPa),
0.2 (FemtoTools spring 1: 0.245 + 0.017 MPa; FemtoTools spring 2: 0.266 + 0.026 MPa;
TA.XTPlus: 0.246 +0.015 MPa), and 0.25 (FemtoTools spring 1: 0.238 £ 0.009 MPa; FemtoTools
spring 2: 0.274 + 0.070 MPa; TA.XTPlus: 0.229 £ 0.015 MPa) there were no significant

differences in the tangent moduli obtained for Solaris with all 3 different testing configurations.
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Using the FemtoTools system with both spring 1 and spring 2, yielded comparable results to the
tangent moduli of Solaris measured by the TA.XTPlus tensile tester. There were no statistical
differences between the tangent moduli of Solaris measured by spring 1 and spring 2. This
validation verifies the capability of the system to accurately characterize mechanical properties.
2.3.Uniaxial loading of various materials

The versatility of the system was demonstrated by uniaxially testing a variety of soft
materials, specifically fibrin gels, sheets of fibrillar fibronectin, and embryonic murine TA tendons.
The force-displacement response of these disparate samples can be clearly resolved after

subtracting the baseline contribution of the spring (Fig. 4).
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Figure 4. Resolution of the mechanics of soft tissues and biomaterials in response to a
variety of tests. Baseline-adjusted curves. (A) Tensile loading and unloading curves of Solaris,
E16.5 TA tendon, and fibrin gel. At a 1000 pm displacement during loading, the baseline
adjusted force values for Solaris, E16.5 TA tendon, and fibrin gel were 3110 uN, 1786 uN, and
899 uN, respectively. At 1000 um displacement, the raw force values of Solaris, E16.5 tendon,
and fibrin gel were 407%, 282%, 155% greater than their respective baselines at the same
displacement values. (B) Stress relaxation test for E16.5 TA tendon. (C) Cyclic loading and
tensile loading to failure for fibronectin (FN) sheet. At 16.7 seconds (equivalent to 1000 um
displacement), the baseline adjusted force value for fibronectin was 3256 uN, this was 292%
greater than the respective baseline force value at the same time.

At a 1000 um displacement during loading, the baseline adjusted force values for Solaris,
E16.5 TA tendon, and fibrin gel were 3110 uN, 1786 uN, and 899 uN, respectively. At 1000 um

displacement, the raw force values of Solaris, E16.5 tendon, and fibrin gel were 407%, 282%, 155%

61



greater than their respective baselines at the same displacement values. At 16.7 seconds (equivalent
to 1000 um displacement), the baseline adjusted force value for the fibronectin sheet was 3256 uN,
this was 292% greater than the respective baseline force value at the same time. Additionally, our
system was able to perform a variety of mechanical tests and measure different mechanical
responses. For instance, Solaris and E16.5 TA tendon displayed viscoelastic properties, as
observed by the hysteresis in tensile test (Fig. 4A) and stress relaxation curves (Fig. 4B). In contrast,
the fibrin gel was elastic (Fig. 4A). The fibronectin sheet demonstrated the ability of the system to
perform cyclic loading and loading to failure (Fig. 4C). We previously showed that the average
tangent modulus of these fibronectin sheets was 0.63 = 0.34 MPa at €=0.25[23] which is
comparable to moduli reported in literature 0.1 — 3.5 MPa[51]. Conversion of the force-
displacement curves of 2 mg/mL fibrin gels to stress and strain found the average tangent modulus
at €=0.25 was 0.15 = 0.08 MPa, which is comparable to moduli reported in literature for individual
fibrin fibrils 1.7 + 1.3 MPa[21,51].
2.4.Stress-strain evaluation of embryonic murine tendon ECM

To demonstrate that our system can resolve differences in mechanics of small, soft tissues
as a function of developmental stage, we investigated how embryonic tendon mechanics vary due
to development and cellularity. The regional stress-strain response (i.e., corresponding to an
individual pair of photobleached lines) was averaged along the entire sample to compare E16.5
and E18.5 embryonic timepoints. The tangent moduli calculated at different strains for each sample
were plotted for both developmental timepoints (Fig. SA). To isolate the mechanical contribution
of cells and the ECM of developing tendons, we decellularized tendons and compared the stress-
strain response to freshly harvested tendons. The evaluation of E16.5 tendons showed

decellularization had a significant effect on the tangent moduli according to a two-way ANOVA.
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Figure 5. Mechanical behavior of embryonic tendons. (A) Stress-strain curves for freshly
harvested E16.5 tendons (green), and decellularized E16.5 (purple) and E18.5 (blue) samples,
along with the fitted polynomials. (B) Tangent moduli of freshly harvested and decellularized

E16.5 tendons were significantly different. (Sidak multiple comparisons: *0.0021 <p <0.0332;

*%0.0002 < p <0.0021; n = 3; error bars = std. dev.) (C) The tangent moduli of decellularized

tendons at E18.5 were significantly greater than those harvested at E16.5 for € > 0.1. (Sidak

multiple comparisons: *0.0021 <p <0.0332; **0.0002 <p <0.0021, ***0.0002<p< 0.0001,

*a%% p<0.0001; n = 3; error bars = std. dev.)

Multiple comparisons showed significant differences between individual groups except at
€ = 0.1, potentially due to the large variability in the dataset, the sample size, and the efficacy of

the decellularization method to remove all cellular components (Fig. 5B). For instance, at €=0.05

63



the average tangent moduli for freshly harvested E16.5 was 0.729 + 0.803 MPa, whereas the
average for decellularized E16.5 tendons was 0.033 + 0.033 MPa, indicating high variability based
on the standard deviation. Similarly, at €=0.25 the average tangent moduli were 26.166 + 24.178
MPa for the freshly harvested E16.5 tendons and 0.363 + 0.145 MPa for the decellularized E16.5
samples. The evaluation of embryonic decellularized tendons with a two-way ANOVA showed a
significant increase in moduli as a function of development. Multiple comparisons indicated
significant differences in the tangent moduli between individual groups of E16.5 and E18.5
tendons at strain values greater than 0.1 (Fig. 5C).

Further, regional variability in tangent moduli was observed for E16.5 decellularized
tendons. The stress-strain response indicated the stiffness of the tendon at the distal region was
greater than the mid and proximal ends (Fig. 6A). Two-way ANOVA indicated both strain value
and region along the tendon had a significant effect on the tangent moduli of E16.5 decellularized
TA, indicating nonlinear behavior (Fig. 6B). Two strain values were then compared, actuator strain
and optical strain. Actuator strain was calculated from the displacement imposed by the
FemtoTools micromanipulator. Optical strain was calculated from the average distance between
fiducial lines that were photobleached onto the sample from videos acquired during uniaxial tensile
tests. The importance of using fiducial makers to evaluate strain for soft materials is highlighted
by the differences between actuator and optical strain for E16.5 and E18.5 tendons and fibronectin
sheets (Supplemental Fig. 7). For example, at €=0.15 the tangent modulus based on optical strain
(0.970 MPa) was more than 25-fold greater than that based on the actuator strain (0.038 MPa) for

a freshly harvested E16.5 tendon.
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Figure 6. TA tendons show regional variability at E16.5. (A) Polynomial fits of the stress-
strain response of decellularized E16.5 TA tendons at different regions. (B) Tukey multiple
comparisons showed significant differences in the tangent moduli between individual groups
(*0.0021 <p <£0.032; **0.0002 <p <0.0021, ***0.0002<p< 0.0001, **** p<0.0001; n = 3;
error bars = std. dev.)

3. Discussion

In this study, we designed a modular device capable of assessing the mechanical behavior
of soft biomaterials and showcased the ability of the system to mechanically characterize
embryonic tissues at different developmental timepoints. We customized a commercially available
micromanipulator with a force resolution of 5 nN — 50 uN and a displacement sensing range
starting at 5 nm, facilitating the application of displacements on small samples while recording
force. The modularity and small footprint of the system allowed testing under a dissecting
microscope to enable the calculation of optical strain (Fig. 1A). Our data demonstrate the

capability of the FemtoTools micromanipulator and spring system to resolve the force of samples
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by subtracting the contribution of the spring itself (Fig. 2A). The system was validated by
mechanically characterizing Solaris, a reference material with known material properties (Fig.
2B,C). The spring design was modified to measure the tensile response of fibronectin sheets, fibrin
gels, and embryonic tendons. The modularity of the system allowed us to test tissues of different
stiffnesses and sizes and can be used to mechanically characterize soft biomaterials and small
tissues to obtain physiologically relevant design parameters for scaffolding that seek to emulate
native tissue mechanics.

When considering a testing system, the force resolution, maximum force capacity, and the
gauge dimensions determine the tissues that can be tested with the system. Force and displacement
curves showed minimal noise in unfiltered data (Fig. 4), eliminating the need for processing
through filtering and noise-reducing algorithms. The appropriately sized 3D printed spring and
microforce sensor with sufficiently high force threshold were selected according to the material
size and estimated stiffness prior to tensile testing. When testing developing tissues that change in
size and stiffness as a function of development, the adaptability of the system and the force
resolution are critical. The force sensing capability of the FemtoTools microsensors is between
100 puN threshold with 5 nN resolution and 100,000 uN threshold with 50 puN resolution. A
limitation of this system is measuring tissues that have resultant forces outside of this range during
tensile testing, e.g., adult tibialis anterior tendons. Since there are commercially available tensile
systems that operate outside of the FemtoTools force threshold, a combination of instruments may
be necessary to fully characterize tissues across development. Adapting to different geometries
was feasible given the ease of fabrication through 3D printing of springs and laser cutting of PET
frames. The modularity of the system will enable future multiscale studies given that the

micromanipulator system can be coupled with the microscope of choice (e.g., dissecting, confocal)
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to investigate deformation at a range of scales. The ability to use the same instrument for tensile
testing at different scales can facilitate meaningful studies relating the micro- and macroscales.
While commercially available bioreactor systems such as the BioTense Perfusion Bioreactor
System (Admet) include similar features (e.g., mounting on a microscope, bath, application of
uniaxial force, actuator control), the focus on the cellular scale may lead to limitations with
mechanically characterization at the tissue scale, especially with larger samples[52]. Further, for
the ex vivo mechanical testing of decellularized or immunostained tissues, there is little need for
bioreactor features such temperature control and maintaining concentration of nutrients through
perfusion.

The results obtained for the elastomer Solaris were similar to those reported by others and
by the manufacturer[43,53]. There was a discrepancy in the tangent moduli at € < 0.1, where the
bulk material testing system recorded a greater modulus. This is attributed to differences in the
casting and curing protocols for samples generated for the FemtoTools and TA. XTPlus systems.
Samples tested on the FemtoTools were fabricated via spin coating to generate a thin film of
uniform thickness, potentially causing shear stress to align Solaris chains influencing the stress-
strain response[54]. In contrast, the Solaris for bulk testing was polymerized in a mold and cured
for longer at 70°C. Further, the samples tested with the FemtoTools systems were tested while
surrounded by PBS, while those tested with the TA.XTPlus were surrounded by air during testing.
Independent of fabrication differences, our instrument identified similar tangent moduli for Solaris
tested with a bulk material tester. In addition, the material behavior observed for fibronectin sheets
and fibrin gel are similar to those previously published, where the fibrin gels were linear elastic

while fibronectin sheets were viscoelastic[55—57].The tangent modulus at €=0.25 of fibronectin
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sheets and fibrin gels measured by the FemtoTools system was comparable to moduli reported in
literature for these materials[21,51].

Tendons are responsible for transferring the force produced by the muscle to the skeleton
with high fidelity while avoiding musculoskeletal injury. Uniaxial tensile testing is most
commonly used to characterize the bulk mechanical properties of adult tendon. Adult tendons are
predominantly made up of ECM, whereas developing tendons have a substantially higher number
of cells. In addition, embryonic tendons are much smaller, making it challenging to test using the
standard instrumentation designed to handle larger, stiffer tissues. Given the challenges in isolating
and testing embryonic murine tendons under tension, the mechanics of developing tendons are
often studied using indentation modalities at the nano and microscales[16,17]; however, this is not
the way in which tendons are typically loaded in vivo. The capabilities of our system enabled the
characterization of embryonic murine tendon mechanics as a function of development based on
uniaxial tensile loading and optical strain. As expected, tendons show viscoelastic behavior, as
seen in the stress relaxation test and hysteresis when unloading (Fig. 4A,B). Tangent moduli
calculated for E16.5 and E18.5 tendons significantly increased in stiffness as a function of
development and varied regionally (Fig. 5A,C; Fig. 6), as previously demonstrated for rat and
mouse tendons[27,42,58]. These data demonstrate our experimental and image processing
methods can be reliably used to investigate the regional mechanics of small developing tissues.

The variability of tangent moduli among samples within a developmental timepoint could
be due to biological variability. Further, the process of attaching tendons to PET frames could
affect the mechanical behavior if glue was to cure onto the tendon surface. Future work will need
to evaluate a larger sample sizes for each developmental timepoint to compensate for biological

variability. This attachment mechanism will need to be further evaluated, since most of the samples
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tested failed at the muscle insertion and slipping was often observed by dips in the force
measurements recorded during testing[36]. This is attributed to a weak interface between the
muscle surface and the glue. Slipping was one of the main factors that contributed to the
differences between the actuator and optical strain (Supplemental Fig. 7). Future studies will
investigate additional ways to secure the full thickness of the muscle tissue without compromising
the integrity of the tendon, such as using a UV-curable glue that is more viscous or polymerizes
more quickly in order to minimize the risk of the glue wicking onto the tendon surface while
attaching the sample to the PET frame. Additionally, different attachment mechanisms that
physically prevent the muscle surface from moving and slipping at the glue interface will be
explored such as adding enclosures to the PET frames that facilitate completely immersing the
muscle in an adhesive, rather than partially covering the muscle with adhesive. While gluing the
tendon tissue directly to the frames may be more effective at minimizing slipping at the muscle
interface, as is done in many studies, this involves removing the tendon from the native boundary
conditions and shortens the overall gauge length, altering the material response during testing.
Notably, decellularization decreased the stiffness of embryonic tendons, as cells and
intracellular proteins are removed. While cells are thought to minimally contribute to the
mechanics of adult tendons, there was a significant decrease in the moduli of decellularized
embryonic tendons (Fig. 5B). In addition, it appears that the regional variability is not due only to
the cells but also the ECM as that is maintained after decellularization (Fig. 6). The residual cellular
debris potentially present in the samples (e.g., DNA) could potentially contribute to the mechanical
response of the decellularized tissues, and therefore future work would need to look at removing

residual DNA to look at the ECM mechanical response in these tissues[59].
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Although the mechanical contribution of the spring has been shown to not drastically
change over time (Supplemental Fig. 4), it was still necessary to adjust for the spring contribution
based on data collected the same day as mechanical testing to account for potential variations.
After 360 tensile tests conducted over a 21-week period, we have not had to replace the spring due
to material fatigue from cyclic testing. However, since we have not considered all potential testing
conditions, we recommend regularly performing baseline tests of the spring, and discontinuing use
if the baseline force-displacement response becomes irregular. The material properties of the
springs are likely affected by polymer melting, resolution of 3D printing, and post-processing of
each part. The tensile modulus of the 3D printed spring was orders of magnitude lower than that
reported by the manufacturer[60]. This discrepancy needs further investigation to determine the
effect of post-processing and printing orientation. Although the influence of aqueous solutions on
the mechanical properties of the spring (Supplemental Fig. 5) was consistent and repeatable the
mechanism by which PBS contributes to decreased spring stiffness will need to be further
investigated. Future iterations of this system will utilize different materials such that the presence

of PBS will not influence mechanical properties of the testing system.

4. Conclusions

These data show the ability of our system to characterize a variety of soft biomaterials and
small tissues with different material properties. Mechanical characterization of tissues and ECM
is vital for understanding the cellular microenvironment during growth and development. The
small size and susceptibility to damage of embryonic tissues and soft biomaterials limit the use of
tensile testing modalities typically used for adult soft tissues. This testing system can help better
understand the mechanical properties of multifunctional ECM polymers, like fibrin and fibronectin,

and the mechanical influence of these polymers during tissue growth and remodeling that are
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currently not completely understood. By quantifying the material properties of soft biomaterials
and small tissues, physiologically relevant parameters can be provided for the design and

fabrication of regenerative therapies that aim to restore tissue functionality.
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Supplementary Material (Appendix A)

Spring 1 Spring 1

Spring 2 Spring 3

34.0

Supplemental Figure 1. Spring designs to accommodate samples of different
sizes. (A) Spring 1 dimensions, isometric view. (B) Spring 1 dimensions, top view - 2.0mm gap
between fixed and moveable frame anchor points. Used to test silicone and E16.5 murine TA
tendons. (C) Spring 2 dimensions, top view - 3.7mm gap between fixed and moveable frame
anchor points. Used to test silicone and E18.5 murine TA tendons. (D) Spring 3 dimensions, top
view - 8.5mm gap between fixed and moveable frame anchor points. Used to test fibrin gel and
fibronectin sheets. All dimensions in mm.
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Supplemental Figure 2. Frames mounted with various biomaterials. Polyethylene
terephthalate (PET) frames were laser cut to accommodate different sized materials: 4 mm x
7.65 mm frame with 1.65 mm wide window (A); 6 mm X 12.5 mm frame with 6.6 mm window
(B); 6 mm x 12.5 mm frame with 1 mm window (C); 4 mm x 6 mm frame with 1 mm window
(D). The dashed lines (A-D) indicate sites where frames were manually cut after sample was
mounted to allow deformation during tensile testing. Images of biomaterials after mounting on
PET frames: Solaris Silicone (E); fibrin gel (F); fibronectin sheet (G); E16.5 TA muscle — tendon
— bone unit (H). Three-dimensional isometric views of z-stacks of fibrin gel (I); fibronectin sheet
(J); E16.5 tendon (K). Scale bar for A — H = Imm.
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Supplemental Figure 3. Optical measurement of displacement. (A) A FIJI macro was used to

manually trace the fiducial lines from frames of the recorded videos, and the x and y coordinates
of each manually drawn line were returned. Manually drawn Lines 1-5 displayed in yellow. (B)
A MATLAB algorithm was used to measure the average horizontal distance between fiducial

lines for each selected frame. The x and y coordinates of Lines 1-5 are displayed. Colors are

assigned to each line to facilitate comparing the position of each line in different frames from the
recorded video. Horizontal alignment between lines is denoted by the dashed lines on Frame 0.
L, (e.g. L) refers to the average horizontal distance between Line n and Line n+/ (e.g. Line 1

and Line 2). Strain was calculated relative to the initial distance between fiducial lines.
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Supplemental Figure 4. Comparison of baseline response of 3D printed springs. (A) Force-
displacement profiles for spring 1, spring 2, spring 3. The number of weeks (w) after printing
and processing, number of loading/unloading cycles (n), and cumulative loading displacement

are shown for reference. The tangent at a displacement of 250 um the loading portion of the
force response of spring 1, spring 2, and spring 3 have slopes of 0.62 uN/um, 0.67 puN/pm, and
0.61 uN/um, respectively. (B) Time study using spring 1 design. Short-term study was carried
out at days (d) 0-7 after printing and post processing. Long-term study carried out between
weeks (w) 5 — 21 after printing and post processing. Day 0-7 tests were run prior to optimizing
acquisition parameters. The range in the force response (tangent at 250 um displacement during
loading) from d0 — d7 was from 2.88 uN/um to 0.58 puN/um, the average and standard deviation
were 1.72 £ 0.96 uN/um. The range in the force response from w5 — w21 was from 0.61 pN/pm
to 0.41 uN/um, the average and standard deviation were 0.51 &= 0.09 uN/pm.
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Supplemental Figure 5. Effect of aqueous solutions on the mechanical properties of 3D
printed springs. (A) Representative force-displacement curves of spring 3 when dry, and 7, 12,
25,52, 68, 124, 151 and 994 minutes after PBS was added to the liquid-retention basin. (B) The

stiffness of the spring decreased when immersed in either PBS or MilliQ water. The stiffness
(tangent at 250 um displacement) decreased from 2.34 & 0.02 uN/pum (n = 3) when dry to 0.66 +
0.01 uN/pm (n = 2) after 90 min in PBS and remained at 0.64 + 0.02 uN/um (n = 2) after 16.3
hours (994 minutes). (C) Representative force-displacement curves of the dry spring after
removal of PBS. The first loading cycle demonstrated the recovery of the spring after drying
(stiffness = 2.37 uN/um at 250 um). After 14 loading and unloading cycles, the stiffness was not
substantially changed (2.51 uN/um). The spring was then incubated in PBS for 2 hours without
additional loading cycles, and the stiffness decreased to 0.62 uN/um. These data indicate the
results in A and B were due to equilibration in aqueous solutions rather than softening due to
repeated loading.
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Supplemental Figure 6. Baseline response of spring 3 pre- and post-test. (A-C) Three
different 2 mg/mL fibrin gels were tested and the force-displacement curves of the spring were
recorded before and after. The stiffness of the springs was measured at 250 pm during loading
portion. There was no significant difference in the stiffness pre- and post-test: 0.61 = 0.02

puN/pum and 0.58 + 0.05 puN/um, respectively (n = 3; p = 0.32, Student’s t-test).
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Supplemental Figure 7. Actuator and optical strain comparison. The discrepancy between
actuator strain and optical strain for representative E16.5 tendon, E18.5 tendon, and fibronectin
samples, highlights the importance of using optical strain to more accurately represent the
deformation as measured directly from the sample, rather than the sample attachment points.
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