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Abstract

The importance of advanced surgical preparation is crucial for improving treatment
outcomes of patients. The integration of 3D-printed anatomical models is becoming
increasingly important and has significantly improved the visualization of complex anatom-
ical structures, and hence surgical training and surgical planning. Despite advancements
in the design and creation of such models, they often fail to accurately replicate the
mechanical properties of soft tissues. Characterizing these mechanical properties is
complex, and producing tissues that accurately match these properties is a considerable
challenge.

This dissertation introduces innovative methodologies for the modeling, characterization,
and replication of soft biological tissues, and makes an important contribution in terms
of biomechanical understanding of anatomical models towards surgical planning. The
results presented apply a “parameter-reduced” adaptive quasi-linear viscoelastic (AQLV)
material model designed to handle the complexities of soft tissue behavior at finite strains.
This model not only simplifies the experimental characterization of viscoelastic properties,
but also facilitates precise comparisons between different fabric types.

Building on this basic model, the dissertation extends its application to the challenging
area of fracture toughness prediction in soft tissues, specifically targeting porcine liver
and muscle. By differentiating strain-dependent viscous dissipated energies, the improved
AQLV model provides deeper insights into the viscoelastic and fracture behavior of soft
collagenous tissues and paves the way for improved biomechanical models.

With the building blocks to characterize the mechanical properties of soft biological
tissues, another goal was to develop 3D printable tissues that better match those of
the characterized soft tissues. Here, microstructuring techniques, fiber reinforcement
and fluid injection are performed during the 3D printing process to achieve realistic
mechanical properties of the synthetic tissues. This approach significantly refines the
fidelity of 3D-printed anatomical models used for surgical planning and training and
provides a pathway to more effective and error-free surgical procedures.

In summary, this dissertation establishes efficient methods for biomechanical characteri-
zation of soft tissue and provides a methodology for producing more realistic tissue-like
materials for use as anatomical models, with far-reaching implications for surgical educa-
tion and training as well as general patient care.
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Kurzfassung

Die Bedeutung einer fortgeschrittenen chirurgischen Vorbereitung ist entscheidend für
die Verbesserung der Behandlungsergebnisse der Patienten. Die Integration von 3D-
gedruckten anatomischen Modellen gewinnt zunehmend an Bedeutung und hat die
Visualisierung komplexer anatomischer Strukturen revolutioniert und damit die chirur-
gische Ausbildung sowie chirurgische Planung erheblich verbessert. Trotz Fortschritten
in Design und Erstellung solcher Modelle gelingt es oft nicht, die mechanischen Eigen-
schaften weicher Gewebe genau nachzubilden. Die Charakterisierung dieser mechanischen
Eigenschaften ist komplex, und die Herstellung von Geweben, die diese Eigenschaften
genau abbilden, stellt eine erhebliche Herausforderung dar.

Diese Dissertation führt innovative Methoden für die Modellierung, Charakterisierung
und Replikation von weichen biologischen Geweben ein und leistet einen wichtigen Beitrag
hinsichtlich der chirurgischen Vorbereitung und des biomechanischen Verständnisses. Die
vorgestellten Ergebnisse wendet ein ”parameterreduziertes” adaptives quasi-lineares vis-
koelastisches (AQLV) Materialmodell an, das darauf ausgelegt ist, die Komplexitäten des
Verhaltens weicher Gewebe bei endlichen Dehnungen zu bewältigen. Dieses Modell verein-
facht nicht nur die experimentelle Charakterisierung von viskoelastischen Eigenschaften,
sondern erleichtert auch präzise Vergleiche zwischen verschiedenen Gewebetypen.

Aufbauend auf diesem Grundmodell erweitert die Dissertation dessen Anwendung auf
den herausfordernden Bereich der Vorhersage der Bruchzähigkeit in weichen Geweben,
insbesondere zielt sie auf Schweineleber und -muskel ab. Durch die Differenzierung von
dehnungsabhängigen viskosen dissipierten Energien bietet das verbesserte AQLV-Modell
tiefere Einblicke in das viskoelastische und Bruchverhalten von weichen kollagenösen
Geweben und ebnet den Weg für verbesserte biomechanische Modelle.

Mit den Bausteinen zur Charakterisierung der mechanischen Eigenschaften von weichen
biologischen Geweben war ein weiteres Ziel, 3D-druckbare Gewebe zu entwickeln, wel-
che besser denen der charakterisierten weichen Gewebe entsprechen. Hierbei werden
Mikrostrukturierungstechniken, Faserverstärkung und Flüssigkeitseinbringung während
des 3D-Druckprozess durchgeführt, um realistische mechanischen Eigenschaften der syn-
thetischen Gewebe zu erreichen. Dieser Ansatz verfeinert erheblich die Realitätstreue von
3D-gedruckten anatomischen Modellen, die für die chirurgische Planung und Ausbildung
verwendet werden, und bietet einen Weg zu effektiveren und fehlerfreien chirurgischen
Verfahren.
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Zusammenfassend etabliert diese Dissertation effiziente Methoden zur biomechanischen
Charakterisierung von weichem Gewebe und bietet eine Methodik zur Herstellung rea-
listischerer gewebeähnlicher Materialien für den Einsatz als anatomische Modelle, mit
weitreichenden Implikationen für die chirurgische Ausbildung und das Training sowie die
allgemeine Patientenversorgung.
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CHAPTER 1
Introduction

1.1 Problem Statement
Modern medical advancements aim to enhance patient care and outcomes. One statistic
underscores the need for such progress: medical errors have been implicated in an average
of 250,000 patient deaths annually in the United States alone [86]. Over 4000 incidents
of surgical "never events" are estimated to occur in the United States alone annually
[90]. "Never events" refer to sever incidents that are highly preventable. In the United
Kingdom, a survey of the acute National Health Service trusts showed that a total of 742
surgically related "Never Events" occurred over three years, spanning between 2011 and
2014, with no significant difference in annual numbers [97]. In response, there has been a
concerted effort to mitigate such risks, particularly through refined surgical planning and
training methodologies. This has led to advancements in high resolution, non-invasive
imaging techniques as well as the increased utilization of anatomical models in surgical
research, training and rehearsal in the past few decades [46].

Although advanced imaging techniques have led to improved patient outcomes due to
increased capture of intricate details of anatomical structures, 2D portrayal of organs
may obscure the complex spatial relationship between soft tissues [87]. Recognizing
this limitation, the integration of three-dimensional (3D) virtual models has emerged
as a pivotal solution, offering enhanced visualization and communication capabilities
[116]. Yet, for medical professionals, the absence of tactile feedback inherent in virtual
models poses a significant drawback for surgical practice and rehearsal. The coupling of
additive manufacturing, also known as 3D printing and 3D virtual models have led to
the creation of intircate, patient- specific anatomical models [12, 123]. These anatomical
replicas not only address the deficiency of tactile feedback but have also demonstrated
profound impacts on pre-operative planning, implant customization, intra-operative
guidance, and patient communication [163, 154]. 3D printing of anatomical models for
surgical rehearsal has been applied in many medical fields including but not limited to
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1. Introduction

neurology [127, 153], cardiology [62, 89], Urology [130, 158], pulmonary medicine [58, 37]
and abdominal [34, 132] (see Figure 1.1) amongst others.

Figure 1.1: 3D printed models of liver organs [66]. Reproduced under terms of the Creative
Commons CC-BY license.

In summary, it can be said that anatomical models are becoming increasingly important
for surgical practice, especially models with realistic tactile feedback are desired and lead
to a considerable improvement. Therefore, the creation, characterisation and modification
of anatomical models with specific, tunable mechanical properties is cumbersome. Also the
ability to specifically tune elastic, viscoelastic and fracture behaviour of tissue mimicking
materials towards a specific tissue is lacking.

1.2 Goals and Objectives
The main aim of the dissertation is to develop 3D printable tissue mimicking materials
with tunable elastic, viscoelastic and fracture toughness responses similar to that of
specific soft biological tissues. Hereby an objective characterisation of the mechanical
properties of selected soft tissues based on experimental testing and constitutive material
modeling. The research objectives are divided into 3 main steps

• Characterisation of viscoelastic material response of soft biological tissues

• Characterisation of fracture toughness response with respect to viscoelastic proper-
ties of soft biological tissue

2



1.3. Materials and Methosds

• Development of 3D printed tunable tissue mimicking materials for anatomical
models

1.3 Materials and Methosds

1.3.1 Mechanical Properties of Soft Tissue

Soft tissue is often made up of several cell types embedded in extracellular matrix with
diverse proteins that are able to store large quantities of water. The primary structures
in soft tissues are elastin and collagen. While elastin is an elastic protein capable of
100% extension with little dissipation, collagen is a very tough material with a helical
structure than can undergo large displacements until straightened. Currently there is a
large amount of literature regarding the determination of tissue deformation behavior
of biological soft tissue. Soft tissues have been shown to exhibit linear behaviour under
some limited conditions (low strain) as well as non linear and anisotropic behavior under
other conditions. Soft tissues also undergo creep or stress relaxation under constant load
or strain respectively [73]. Therefore, it is necessary to determine the specific conditions
of interest. In this study, the emphasis is laid on the mechanics of soft tissue during
surgical procedures involving large deformation and fracture behaviour. Soft tissue in
this regards has been shown to be non-linear and viscoelastic [47].

The determination of elastic, viscous and fracture material properties is essential in
understanding the behaviour of soft tissue under various surgical conditions. Elastic
properties of soft tissues are often determined by standard uniaxial tensile or compression
tests (see Figure 1.2). The viscous property of solid materials, i.e.the ability of a material
to inherently dissipate applied energy, is often tested by means of stress relaxation, creep
tests or dynamic mechanical analysis (DMA) in tension or compression.

Tissue behavior during suturing and dissection involve the separation of tissues and
therefore a propagation of defects in a material as seen from a mechanical point of view.
An understanding of failure mechanisms in soft biological tissue is vital in assessing defects
in a number of medical issues, such as iatrogenic rupture of fetal membranes during fetal
surgery, raptures in skin or damage to tendons and ligaments during sporting activities
or injuries [18]. This has been shown to be best represented by fracture mechanics [137].
is a branch of mechanics focused on understanding how cracks propagate in materials.
It applies techniques from analytical solid mechanics to determine the forces acting on
a crack and employs experimental solid mechanics to assess a material’s resistance to
breaking.. The behaviour of soft tissue materials during fracture is hypothesized to
be dependent on tissue stiffness, viscoelasticity and material microstructure [9], [54],
[107]. Various methodologies for determining fracture toughness have been proposed
from fracture mechanics standpoint, these have implication For different tissues and
soft materials each method has its advantages and disadvantages and must be chosen
and analysed carefully to avoid erroneous results [162]. Specific tests to be used in this
research project are specified in the Methodology section.

3



1. Introduction

Figure 1.2: Young’s modulus of common soft tissue and tissue mimicking materials [116].License
number for reuse permission from publisher: 153546-1

1.3.2 Viscoelasticity
Most soft tissues in the human body consist mainly of water and hence exhibit both
solid and fluid-like behaviour. This behaviour is described as viscoelasticity. Viscoelastic
materials experience creep under constant applied stress, stress relaxation under constant
applied strain or hysteresis effects under cyclic loading [67, 74, 11]. Furthermore, their
response to dynamic loading is strain rate dependent [92, 11, 80]. Models describing soft
tissue must therefore incorporate all these characteristics.

Typical stress strain curves of soft collagenous tissue and polymers is shown in Figure.
1.3. Three main ranges of strain for each curve are marked (I,II,III). Region I shows
a range in which both soft tissues and polymers which can be approximated as being
linear. A key feature of soft biological tissue is that at low strains (< 3%) several tissues
exhibit quasi-linearity [157, 80, 48]. Region II is the dynamic range which describes the
typical working range of each of these materials and shows a high non-linear behaviour.
The dynamic range for soft tissues is between 3% to 20% and polymers for polymers
between 20% to 200% depending on the material [20]. Region III describes the typical
failure strain ranges for these materials. An observable characteristic for soft tissue is the
change from strain stiffening behaviour in the linear range to a strain softening behaviour
in the dynamic range. This response is by virtue of the presence of stiff wavy collagen
fibres which first straighten, stretch and then break. Polymers exhibit strain softening
behaviour initially due to primary creep followed by strain stiffening behaviour towards
failure [155].

Early linear viscoelastic models such as differential type Maxwell, Kelvin and Voigt model
and Integral-type models such as Boltzmans models developed to describe rubbers and
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1.3. Materials and Methosds

A B

Figure 1.3: a) Typical stress strain curve of soft collagenous tissue showing strain softening
behaviour and b)Typical stress strain curve of polymers showing strain stiffening behaviour.
Regions of linearity (I), dynamic strain (II) and failure (III) are marked for each figure. Based
on[155].

elastomers. Although linear viscoelastic models have often been applied to soft biological
tissue with the constraint of small strain range, these are insufficient for use in soft tissue
phantoms whose working range is often higher. Although linear viscoelastic models
have often been applied to soft biological tissue with the constraint of small strain. A
clear example is observed in the pre-operative assessment for a transcatheter aortic valve
replacement (TAVR) for aortic stenosis. An assessment of the interaction between aorta,
prosthesis and blood flow is critical. Since the maximum strain of the aorta is greater
than 10%, the predicted mechanical responses from a linear viscoelastic model would
differ significantly from the true response of the aorta.

Hence more advanced non-linear viscoelastic models had to be developed. A brief
description of the most commonly applied linear and non-linear viscoelastic models is
given in the next section. More detailed information can be found in [73, 47]

Linear Viscoelasticity

Maxwell model The simplest viscoelastic material model is the maxwell model con-
sisting of a single spring and damper connected in series (see Figure.1.4). The series
connection is referred to as a Maxwell element.

An applied Heaviside strain input (Figure. 1.5a) produces the same stress in both spring
(σS) and damper (σD). Hence the total stress (σ) in the system is equal to the stress in
each component.

σ = σD = σS (1.1)

The total change in strain is the sum of the change in strain in the spring (εS) and the

5



1. Introduction

Figure 1.4: Maxwell element consisting of a spring with stiffness (E) and damper with damping
coefficient (η) in series

Figure 1.5: a)Heaviside strain (ε(t)) input function b)Stress response (σ(t)) of a Maxwell model
to the Heaviside input strain

damper (εD). The resulting strain rate equation is given by :

dεtotal
dt

= dεD
dt

+ dεS
dt

(1.2)

The change in strain in the damper is related is time dependent and related to the
damping coefficient (η) and in the linear spring only dependent on the elastic modulus
(E), the equation becomes:

dεtotal
dt

= σ

η
+ 1

E

dσ

dt
(1.3)

For the applied Heaviside strain function, the initial strain (ε0) is applied instantaneously,
resulting in an instantaenous maximum stress (σ0) (see Figure. 1.5), after which there is
no change in strain and hence the change in strain with time is 0.

0 = σ

η
+ 1

E

dσ

dt
(1.4)

σ

η
= − 1

E

dσ

dt
(1.5)

σ

η
= − 1

E

dσ

dt
(1.6)

The stress response over time σ(t) for a stress relaxation experiment will equate to:

−E

η
dt = dσ

σ
(1.7)

6
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∫︂
−E

η
dt =

∫︂
dσ

σ
dt (1.8)

The relaxation time (τ), which characterizes the rate of decay in the system. This
represents the time it takes for the stress value to decay from σ0 to σ0/e. Hence only 37%
of the initial stress will remain after time τ . It can be given as the ratio of the damping
coefficient (η) to the Elastic modulus(E);

τ = η

E
(1.9)

∫︂
−1

τ
dt = ln(σ) + C (1.10)

− t

τ
= ln(σ) + C (1.11)

This simplifies Equation. 1.7 and the response of a maxwell element to a strain input at
any given time :

σ(t) = σ0e− t
τ (1.12)

where σ0 is the initial instantaneous stress response to strain input.

The Voigt model This is a linear viscoelastic material model which can be described
as the combination of a spring and dashpot in parallel. In this formulation the strain
remains the same across both the dashpot and spring (see Fig. 1.6).This formulation
is best suited for a creep experiment hence, for a creep experiment the total strain is
calculated from the stress in each component.

Figure 1.6: Voigt model consisting of a spring with stiffness (E) and a damper with coefficient(η)
connected in parallel

.

Both spring and damper components will therefore experience the same strain

εtotal = εS = εD (1.13)

7



1. Introduction

Figure 1.7: a) Rectangular stress input signal b) Strain response of a Voigt model to the
rectangular input

.

The stress (σt) will be sum of the stress generated in each of the components by the
given strain:

σ(t) = Eε(t) + η
dε(t)

dt
(1.14)

For a Voigt solid, a sudden application of load will produce no immediate deflection due
to the presence of a damper in parallel. Hence the entire system will move at the rate of
the damper. Voigt model is commonly used to model creep experiments hence for an
applied unit rectangular stress signal (see Figure. 1.7a), the damper relaxes gradually
allowing the spring to take a greater share of the load (see Figure.1.7b). The relaxation
time (τ) is given similarly, as the ratio of damper coefficent (η) to spring stiffness (E).
The strain response will be given by:

ε(t) = σ0
E

(1 − e− t
τ ) (1.15)

The SLS (Zener) model The Kelvin model also known as the Solid Linear Solid
model, consists of a single spring in parallel with a maxwell element (see Fig. 1.8).

Figure 1.8: Standard Linear Solid model consisting of a maxwell element in parallel with a
single spring

In this model the total stress σtotal in the system is the sum of the stress in the Maxwell
element (σm) and in the parallel spring (σS1). The applied strain is equal in each arm.

8



1.3. Materials and Methosds

σtotal = σm + σS1

εtotal = εm = εS1

(1.16)

For the maxwell element, the stress is equal in each component, while the strain is
additive:

σm = σD = σS2

εm = εD + εS2

(1.17)

Each stress component can be broken down into the following formulations:

σS1 = E1εS1

σS2 = E2εS2

σD = η
dε

dt

(1.18)

The governing equation for the maxwell element is given in Equation. 1.3.Implemeting
Equation. 1.3 and Equation. 1.14 into time derivatives of the strain formulation of
Equation. 1.17 gives :

dεtotal
dt

=
dσtotal

dt + E2
η (σtotal − E1εS1)
E1 + E2

(1.19)

Implementing these equations into the stress relation of Equation. 1.17 produces:

σ(t) + η

E2

dσ

dt
= E1ε + η(E1 + E2)

E2

dε

dt
(1.20)

The relaxation times are different for different materials; the relaxation time for constant
strain (τε) and the relaxation time for constant stress (τσ) are defined as follows:

τε = η

E2
; τσ = η

E1

(︃
1 + E1

E2

)︃
(1.21)

The stress response of the SLS model to a stress relaxation experiment i.e. to a Heaviside
unit step strain input will be given by (see Figure. 1.9 :

σ(t) = E1

[︃
1 −

(︃
1 − τσ

τε

)︃
e−t/τε

]︃
(1.22)

Although this model can be used to accurately predict the general shape of the strain
curve, as well as behaviour for long time and instantaneous loads, the model lacks the
ability to accurately model material systems numerically.

9



1. Introduction

Figure 1.9: a)Heaviside strain (ε(t)) input function b)Stress response (σ(t)) of a Kelvin model
to the Heaviside input strain

Figure 1.10: Generalized Maxwell model

Generalized Maxwell model The Generalized Maxwell model is the most generalized
linear viscoelastic model. It consists of a parallel combination of maxwell elements (see
Fig.1.10) and takes into account that the relaxation does not occur at a single time but
in sets of times. It models the relaxation behaviour of linear viscoelastic materials with
more freedom and hence more accuracy.

A stress relaxation for the Generalized Maxwell model is described by the summation of
the stresses in the individual Maxwell elements. For each Maxwell element, the stress in
each component is equal σD = σS, which follows that the strain in the component are
additive:

dε

dt
= dεS

dt
+ dεD

dt
(1.23)

hence applied to all the maxwell elements, thechange in strain can be written as :

dε

dt
=

(︃ 1
Ei

dσi

dt
+ σ

ηi

)︃
(1.24)

10



1.3. Materials and Methosds

the total stresses will be the summation of the stresses in each maxwell element

σ = E0 ε + σ1 + σ2 + ... (1.25)

Since the relaxation times are defined for the Maxwell elements as the ratio of damping
coefficient to elastic modulus, this can be applied for all elements as

τi = ηi

Ei
(1.26)

The Generalized Maxwell model can therefore be rewritten as follows:

σ(t) =
N∑︂

i=1
σi e

− t
τi (1.27)

Prony Series The Prony series is a commonly used formulation of a linear viscoelastic
model. it is represented as a series of exponential functions. The relaxation times τ and
relaxation coefficients are to be determined from the formulation

N∑︂
i=1

= αie
−t
τ (1.28)

where αi are the coefficients of the exponential terms, N is the number of chosen elements.
For a stress relaxation experiment, the model assumes an instantaneous unit step followed
by a constant strain where the change in strain is 0 :

σ(t) = Y (t) ε (1.29)

where Y (t) is the relaxation function. The response under Prony Series can be described
by :

Y (t) = E0

(︄
1 −

N∑︂
i=1

pi (1 − e
−t
τ

)︄
(1.30)

where E0 is the instantaneous modulus. pi is the ith term of the Prony series; τi is the
Prony relaxation time.

t = 0, Y (0) = E0 (1.31)

t = ∞, Y (∞) = E∞
(︂
1 −

∑︂
pi

)︂
(1.32)

where E∞ is the long term modulus. The stress at any time in the system can be
described by :

where E0 is the instantaneous modulus, τi is the Prony relaxation time constant, pi is
the Prony constant.

11



1. Introduction

Limitations Linear viscoelastic models are based on Boltzmanns Superposition Prin-
ciple. The principle dictates that stress or strain responses to successive stimuli are
additive. Hence the stress response to 2 successive strain stimuli Δε1 + Δε2 will produce
additive stress responses Δσ1 + Δσ2. This principle however does not hold for larger
strains (>3 %) in most soft tissues [47]. Secondly linear viscoelastic models can be
described in terms of a unit step relaxation function (G(t)), which is the stress response
to a unit step strain:

G(t) = σ(t)
ε0

(1.33)

A stress relaxation experiment can therefore be described for a linear viscoelastic model
by :

σ(t) =
∫︂ t

−∞
G(t − τ)dε(τ)

dτ
dτ (1.34)

where G(t − τ) qualitativelly describes the diminishing effect of the strain state at a time
τ before the current time t. Since the relationship between stress and strain (G(t)) for
soft biological tissues is however non-linear, these models cannot be applied. To overcome
the shortcomings of these models non-linear viscoelastic models were proposed.

Non-linear viscoelastic models

There are several elegant non-linear viscoelastic models available in literature. Some
advanced solutions such as the non parametric Volterra series approximation [126], which
requires a Gaussian white noise input signal which cannot be used for uniaxial tensile
loading that produces only positive forces[120]. Another approach proposed by Pipkin
and Roger [112] involves incremental stress relaxation steps and is calibrated with a series
of integrands. This methodology is however very computationally expensive and lengthy.
There are also parameteric approaches where a general structure is hypothesized and
and optimiation algortihm is used to identify parameters that fit the model data. If the
initial hypothesis is however, wrong, the model fails [105].

The Schapery’s Single Integral model [128] is a phenomenological model that aims to fit
experimental data with a single integral in which non linear effects are incorporated into
the strain or stress measure. These models are however out of the scope of this report.
Fung’s QLV model is the most common non-linear viscoelastic model applied to soft
biological tissues hence will be the focus of this section. The advantages, limitations of
the QLV model will be assessed. Subsequent adaptations, the Generalized Fung model
and the Adaptive Quasi-linear viscoelastic models will also be reviewed.

Fungs QLV model Fung’s Quasi-Linear Viscoelastic(QLV) model determines a class
of quasi-linearity that is appropriate for several biological tissues. The Fungs’s model
incorporates nonlinearity into the general form of the linear convolution integral (Equation.
1.34) by replacing the strain with a non-linear function of strain (dσ(e)(ε)), hence ’quasi-
linearity’:

12
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σ(t) =
∫︂ t

−∞
g(t − τ)dσ(e)(ε)

dε

dε(τ)
dτ

dτ (1.35)

where g(t) is called a "reduced" relaxation function, which is the unit step function
(Equation. 1.33) normalized by its initial value and σe is a function of strain known as
the "elastic stress".

The relaxation function g(t − τ) represents the shape of the normalized unit step function
and is commonly described as a sum of exponential terms :

g(t) = ao +
M∑︂

i=1
ai e−t/τi (1.36)

where M is the number of exponential terms with a corresponding relaxation time (τi)
and amplitude ai. This can be associated as a series connection with a single spring (a0).
Equivalent would be a series connection of Kelvin models with non-linear springs (see
Fig.1.11) with a single non-linear spring.

Figure 1.11: Fungs model schematic represented as a connection of spring damper systems in
series with a single non-linear spring

The major limitation of the QLV model is the assumption of a single reduced relaxation
function at all levels of strain. It has been observed that for varying strain amplitudes,
the relaxation function also varies for a given biological tissue. This can be observed by
plotting normalized relaxation functions of a given tissue at different strain amplitudes.
Hence, once the QLV model is fitted to a given stretch and sequence, it is often unable
to accurately describe the same material at other strain levels [114, 113]. This can
be resolved by increasing the degrees of freedom of the model with respect to strain.
Extensions of the QLV model have therefore been proposed such as the Generalized Fung
model [114] and the Adaptive quasi-linear viscoelastic (AQLV) model[104, 103] which
have been shown to fit model data well.

AQLV model The Adaptive quasi-linear viscoelastic model (AQLV) is a simplified
approach to employing a strain dependence on the stress response to the existing QLV
model. This is achieved by introducing an intermediate variable term known as the
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viscoelastic strain V (ε)(t) and through the linear convolution integral as:

V (ε)(t) =
∫︂ t

−∞
g(t − τ)dε(τ)

dτ
dτ (1.37)

where g(t) is a reduced relaxation function that can be expressed as a sum of exponentials
with different time constants (τi), as in Fung’s model (see Equation. 1.36. V (ε)(t)
represents the dependence of the stress on the history of straining. The stress response is
given by a simple multiplication of the viscoelastic strain with a pure non linear function
of strain k(ε(t)) :

σ(t) = k(ε(t)) V (ε)(t) (1.38)

kε introduces strain dependence and non-linearity into the model and converts the strain
history (viscoelastic strain) into stress [103].

If shape functions are represented as exponential terms, the AQLV model can be repre-
sented in terms of parallel Maxwell elements with non-linear springs and dampers whose
spring stiffnesses (k) and damper coefficients (b) are functions of the overall tissue strain
(see Figure. 1.12).

Figure 1.12: The AQLV model represented as a set of non-linear springs and dampers whose
spring stiffnesses and damper coefficients are functions of the overall tissue strain

For the elastic response of the single spring, the stress is described simply by :

σ0 = k0(ε) = σ0(ε) (1.39)

For all the other non linear springs and dampers, each Maxwell element is required to
be proportional to the same non-linear function of strain and hence the relaxation time

14
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constant τi is independent of strain :

τi(ε) = bi(ε)
ki(ε) = bi

ki
= τi (1.40)

The total stress in the system implementing the viscoelastic strain term will be given as:

σ(t) = σ0(t) +
M∑︂

i=1
ki(ε(t))V ϵ

i (t) (1.41)

where M represents the number of Maxwell elements corresponding to each relaxation
time and corresponding relaxation amplitude.

To calibrate the AQLV model, an incremental ramp and hold experiment (see Figure.
2.1) is required to determine the relaxation times (τi) and relaxation coefficients ki and
bi.

Figure 1.13: Incremental ramp and hold experiment for calibration of AQLV model

The strain function for n number of ramp and holds can be given as :

εn(t) =

��
(n − 1)Δε, t < 0

(n − 1)Δε + Δε
T t, 0 < t < T

nΔε, t > T

where T is the duration of of ramp loading in each increment, Δε is the equidistant strain
increment for each step n. The hold (relaxation) stresses are used for the calibration of
the model as there is no change in strain and strain rate is 0. The coefficient ki(ε) is no
longer dependent on both strain and time but only on the strain at that hold level nεΔ.
The general stress formulation can be rewritten:

σn(t) = σ0(nΔε) + Δε
M∑︂

i=1
ki(nΔε) gi(t) (1.42)
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where σ0(nΔε) is the long term stress response. If exponential shape functions are chosen,
the reduced relaxation functions for each element can be represented by :∫︂ t

−∞
gi(t) dτ = Δεgi(t) = τi

(︁
1 − e−t/τi

)︁
(1.43)

The stress response recorded for the ramp phase during the experiments will be represented
as Rn and for the hold phase as Hn. The model prediction for hold stress at each increment
n is given by:

σH(t) = σ0
(︁
ε(Δn)

)︁
+ Δε

T

M∑︂
i=1

Δε

T
ki(nΔε)

(︁
e−T/τi

)︁
e−t/τi (1.44)

Therefore the known shape functions ki(nΔε) can be determined by minimizing the
integral :

In =
∫︂ +∞

T
(Hn(t) − σH(t))2 dt (1.45)

The intermediate values of the functions of ki can be determined by interpolation. Once
the shape functions are calibrated, the values can be input into the model prediction for
ramp stress, given by:

σRn(t) = (Δε(n − 1) + Δε

T
t) + Δε

T

∑︂
i

ki

(︃
Δε(n − 1) + Δε

T
t

)︃
gi(t) (1.46)

The major advantage of the AQLV model over Fungs QLV model is that it not only
incorporates the strain dependent stress response of the tissue but also simplifies the
computation of material parameters. There are however two limitations with the AQLV
model. Although there is an ease of calibration, the model produces a high number of
material parameters. It therefore requires an additional step Using the standard model
as is, would produce at least 15 parameters, while a standard QLV model would produce
8 parameters.
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1.3.3 Energy Storage and Dissipation
For interactions between soft tissues and surgical tools it is of interest to determine for a
given mode of deformation the amount of energy stored and dissipated with and without
interaction with a surgical tool. A characteristic of viscoelastic bodies is the ability of
the material to dissipate heat through viscous losses during deformation with the rest
of the energy being stored elastically. The net loss of energy over a complete cycle of
deformation and recovery is known as hysteretic loss or hysteresis. Energy responses in a
viscoelastic material are associated with lagging to loading by viscous dissipation. The
total energy after a full cycle is composed of both the storage energy and the dissipated
energy and is given by:

Wtotal = WD + WS (1.47)

In a steady state cyclic deformation, the response to loading will return at the end of the
cycle to the values they started with, hence there is no net energy stored in one full cycle
of the deformation. Thus, the area enclosed by the hysteresis loop signifies the amount
of energy dissipated per unit volume within the material during each cycle. The steady
state is achieved after performing several cycles of the deformation, whereby the exact
number is dependent on the material and loading parameters. In this research project,
only steady state deformations will be considered. The net hysteresis energy during a
complete cycle can be calculated is given by the following integral:

W =
∫︂ t

0
σ dε(t) =

∫︂ t

0
σ ε̇ dt (1.48)

This can be applied to all forms of steady state cyclic loading. In this section, the
response of a viscoelastic material to harmonic and triangular wave excitations will be
investigated.

Sinusoidal Wave excitation

This section will consider the response of a viscoelastic material to harmonic (sinusoidal)
cyclic excitation. Given that a strain ε(t) is applied to a sample as :

ε(t) = ε0 sin(ωt) (1.49)

The steady state stress response will be given by :

σ(t) = σ0(ω) sin
[︁
ωt + θ(ω)

]︁
(1.50)

where σ0 and ε0 are the amplitudes of the harmonic wave;ω is the angular frequency and
θ is the phase shift between the two signals.Some useful relations of stress and strain
with the loss and storage moduli are given here:
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σ(ω) cos
(︁
θ(ω)

)︁
= ε0 G′(ω) (1.51)

σ(ω) sin
(︁
θ(ω)

)︁
= ε0 G′′(ω) (1.52)

tan
(︁
θ(ω)

)︁
= G′′(ω)

G′(ω) (1.53)

where G′(ω) and G′′(ω) refer to the storage and loss modulus respectively. The storage
modulus is proportional to the average energy stored per unit volume of the material
whiles the loss modulus is proportional to the dissipated energy.

Wloop =
∮︂

σ(t)dε(t) = ω ε0 σ0(ω)
∫︂ 2π

ω

0
cos(ωt) sin

[︁
ωt + θ(ω)

]︁
dt (1.54)

hence the energy absorbed over a full cycle given by the contour integral in Equation.
1.48 will be:

Wloop = π ε0 σ0 sin
(︁
θ(ω)

)︁
= πε2

0 G′′(ω) (1.55)
This relation shows that in a harmonic excitation the net energy dissipated over a cycle is
also the net energy absorbed by the material over a cycle of deformation and there is no
net stored energy. This applies only to steady state deformations. Figure. 1.14a shows
the normalized stress and strain as a function of time. Figure. 1.14b shows stress as a
function of strain for a half cycle steady state harmonic excitation with the resulting half
ellipse having a phase shift of θ(ω)=π/6. The half ellipse represents half the hysteresis
loop of a harmonic excitation.

A B

Figure 1.14: a) The normalized stress-time, strain-time curves are shown for a half cycle
harmonic excitation. b) The stress-strain curve of the harmonic excitation showing a half ellipse

An analysis of Figure. 1.14 produces the following relations:

Aσ =
σ(t) |ε(t)=0

σ0(ω) = sin
(︁
θ(ω)

)︁
(1.56)
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Bσ =
σ(t)|ε(t)=ε0

σ0(ω) = cos
(︁
θ(ω)

)︁
(1.57)

Aσ

Bσ
=

σ(t)|ε(t)=0
σ(t)|ε(t)=ε0

= tan
(︁
θ(ω)) (1.58)

Aε =
ε(t)|σ(t)=0

ε0
= sin

(︁
θ(ω)

)︁
(1.59)

Bε =
ε(t)|σ(t)=σ0(ω)

ε0
= cos

(︁
θ(ω)

)︁
(1.60)

Aε/Bε =
ε(t)|σ(t)=0

ε(t)|σ(t)=σ0(ω)
= tan

(︁
θ(ω)

)︁
(1.61)

These relations enable the loss tangent (tan(θ)) to be determined. The loss tangent is
the ratio of the loss modulus to the storage modulus and describes the phase lag between
the stress and strain during a harmonic excitation.

To determine hysteretic energy the symmetry of the ellipse in Figure.1.14b, the half-loop
is examined. It consists of two main sections denoted F and B. The section denoted
F is the forward section during which the strain increases from zero to its maximum
amplitude. The section denoted B is the backward section during which the strain again
decreases to zero. The stress axis (marked with an arrow)is a fictive path along which
the stress would be returned from −σo sin(θ(ω)) to +σo sin(θ(ω)) at zero strain. Since
the strain is zero, no energy would be absorbed along this section.

The sum of dissipated and stored energy along the forward path (F)(quarter cycle) is
represented by the area hatched vertically in Fig.1.14b and is given as:

W (ω)F = ω ε0 σ0(ω)
∫︂ π/2ω

0
cos(ωt) sin[ωt + θ(ω)]dt

=
(︄

ε2
0
2

)︄ [︃
π

2 G′′(ω) + G′(ω)
]︃ (1.62)

The energy stored and dissipated in the forward section can be obtained by the differen-
tiation of the power rate of energy with time [144] and results in the stored energy and
dissipated energy in the forward section to be :

WS(ω)F =
(︄

ε2
0
2

)︄ (︃
G′(ω) − d G′(ω)

d ln ω

)︃
(1.63)
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WD(ω)F =
(︄

ε2
0
2

)︄ (︃
π

2 G′′(ω) + dG′(ω)
d ln ω

)︃
(1.64)

The total energy stored and dissipated along the backward section is obtained by
integrating between the limits of t1 = π/2ω and t2 = π/ω which consists of the areas
hatched diagonally and cross hatched.

W (ω)B = ω ε0 σ0(ω)
∫︂ π/ω

π/2ω
cos

(︁
ωt

)︁
sin

[︁
ωt − θ(ω)

]︁
dt

=
(︄

ε2
0
2

)︄ [︃
π

2 G′′(ω) − G′(ω)
]︃ (1.65)

The storage and dissipated energies can be obtained in the same manner:

WS(ω)B = −
(︄

ε2
0
2

)︄ (︃
G′(ω) − dG′(ω)

d ln ω

)︃
(1.66)

WD(ω)B =
(︄

ε2
0
2

)︄ (︃
π

2 G′′(ω) − dG′(ω)
d ln ω

)︃
(1.67)

Energy stored during the first quarter is completely released during the second quarter,
however because the storage modulus is monotone non-decreasing i.e less energy is
dissipated in the backward section than in the forward. Putting the dissipated energy
from both sections together gives:

WD = WD(ω)F + WD(ω)B

= π ε2
0 G′′(ω)

(1.68)

This represents the area of the complete ellipse. Hence the hysteresis area (entire ellipse)
for a harmonic strain excitation represents the total dissipated energy. The total storage
energy in the same vein can be calculated by the following :

WS = WS(ω)F + WS(ω)B

= 1
2ε2

0 G′(ω)
(1.69)

It can also be noted that the relative dissipation i.e. the ratio of the dissipated energy to
the stored energy is given by

WD
WS

= 2π ε2
0 G′′(ω)

ε2
0 G′(ω) (1.70)

2π tan δ = WD
WS

(1.71)
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Triangular Wave excitation

Energy absorption in response to a regular triangular strain excitation can also be
examined. The stress strain and stress-strain-time curves for an steady state triangular
wave excitation is shown in Figure. 1.15b. For an applied triangular wave strain defined
as :

ε(t) =

��
ε̇0t, 0 ≤ t ≤ t′

−ε̇0 (t − 2t′) , t′ ≤ t ≤ 2t′

0, t > 2t′
(1.72)

The stress response is given by :

σ =

��
ε̇0η(t), 0 ≤ t ≤ t′

ε0 [η(t) − 2n (t − t′)] , t ≤ t ≤ 2t
ε0 [n(t) − 2η (t − t′) + η (t − 2t′)] , t > 2t′

(1.73)

Assuming a unixial tensile loading with no pre-load, a steady state will be reached with
the stress in a compressive state both at the beginning of the deformation half cycle and
at the end of the recovery half cycle. The energy relations are derived a follows:

σload(θ) = ε0̇

[︃
{Ge} θ + η{f} − 2

∫︂ ∞

−∞
τG(τ) exp(−θ/τ)

1 + exp (−t′/τ)d ln τ

]︃
(1.74)

σunload(θ) = −ε0̇

[︃
{Ge}

(︁
θ − 2t′)︁ + η{f} − 2

∫︂ ∞

−∞
τ G(τ)exp [− (θ − t′) /τ ]

1 + exp (−t′/τ) d ln τ

]︃
(1.75)

where Ge is a discrete viscoelastic constants added to account for arrheodictic (steady
state) behaviour Ge = 106/1.001 N/m2 , ηf = 5X106 Ns/m2 refers to the steady state
viscosity. θ is the steady state time.

W (θ) =
∫︂ θ2

θ1
σ(θ)ε̇(θ)dθ (1.76)

integrating from 0 to t′ and from t′ to 2t′

W
(︁
t′)︁

load =
(︂
ε̇2

0/ 2
)︂ [︃

{Ge} t′2 + 2 η{f}t′ − 4
∫︂ ∞

−∞
τ2H(τ)1 − exp (−t′/τ)

1 + exp (−t′/τ)d ln τ

]︃
(1.77)

W
(︁
t′)︁

unload =
(︂
ε̇2

0/ 2
)︂ [︃

2 η{f}t′ − {Ge}′2 − 4
∫︂ ∞

−∞
τ2H(τ)1 − exp (−t′/τ)

1 + exp (−t′/τ)d ln τ

]︃
.

(1.78)

For a regular steady state excitation there is no net energy storage over a complete cycle
hence, the energy of the hysteresis loop (see Figure.1.15a) is equal to the total dissipated
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energy due to viscous losses. Thus, Wdiss will be given as the difference between the
energies for Wload and Wunload :

W
(︁
t′)︁ diss =

(︂
ε̇2

0/2
)︂ [︃

4η{f}t′ − 8
∫︂ ∞

−∞
τ2G(τ)1 − exp (−t′/τ)

1 + exp (−t′/τ)d ln τ

]︃
(1.79)

Figure 1.15: a) Stress response to a triangular wave strain excitation with hysteresis energy
(green) b)Stress and strain as a function of time in triangular wave excitation

The hysteresis loop energy refers therefore to the total dissipated energy in a loading
and unloading cycle, described by the area between the loading and unloading regions of
stress as a function of strain, just as in a harmonic excitation [144].
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1.3.4 Fracture Mechanics

Surgical procedures often involve the interaction of a surgical tool with a tissue. This
interaction occurs with an exchange of energy that causes deformation or damage to the
tissue. The most common surgical interactions have been modeled such as percutaenous
(needle) insertion [2, 94, 71], sharp dissection [27, 28, 111, 85] and suturing [18, 110, 13, 14].
The damage to tissue during such interactions can be considered as a continuous crack
propagation at the tools cutting edge. Furthermore, biological tissues have been shown
to fail either mainly by cracking, such as bone fractures, or by tearing as in skin or
cartilage. These processes can be represented as an exchange of energy between the
tissue’s internal strain energy and the irreversible work required to propagate a crack
through the material. Generated damage leads to the creation of new surfaces occurring
over time, thus, energy based methods will be the best representative models for such
interactions[9]. This can best be described mechanically under fracture mechanics [137].

An important tissue specific parameter is the tissues specific resistance to fracture,
referred to as fracture toughness or fracture resistance. Several authors have aimed at
determining the tissue specific resistance to fracture for several biological tissues. In the
following section, a short overview of the most important findings for fracture toughness
of soft biological tissues is given. Furthermore, a clinically relevant procedure i.e. suturing
will be assessed in the framework of fracture mechanics.

Fracture Toughness (Jc)

The ability of a material to resist crack propagation in the presence of a defect or its
’defect tolerance’ has been denoted as fracture toughness, fracture resistance or tear
resistance. The importance of the fracture toughness parameter is highlighted when
materials with relatively high hardness and elastic modulus, such as glass or ceramics
are observed to fail relatively quickly in the presence of a crack. In contrast to materials
such as polymers, which have a relatively low elastic modulus and hardness but are able
to absorb large amounts of energy before failure in the presence of defects. For ceramic
materials, it is suggested to define a fracture toughness Gc or a critical stress intensity
factor Kc, to better describe the failure in presence of defects. Kc describes the maximum
stress required to cause failure by means of crack propagation. However, for polymeric
materials and similarly for soft biological tissue the total energy that the material can
absorb (i.e. the area under the stress strain curve) would be a better descriptor of
toughness [139]. Therefore, in this project focus will be placed on the fracture toughness
parameter defined in units of kJ/mm2.

Fracture Toughness was defined by Griffith [1] in 1920 by the parameter Gc in which
refers to the energy required to propagate a crack i.e. the energy per unit crack length
formed. A typical fracture toughness experiment involves introducing a notch of length
(a)into a material sample with thickness (B) fixated on both ends (see Figure. 1.16). A
uniaxial tensile load is applied to the sample until crack propagation results in failure.
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Figure 1.16: Sample geometry for fracture toughness testing of soft biological tissue with crack
length (a) and sample width (w) and length (L0)

The fracture toughness is calculated as:

Gc = 1
B

ΔW

Δa
(1.80)

where the crack propagation energy (W ) is calculated as the area under the load dis-
placement curve for regions where a change in crack length was observed to grow. where
W refers to the total energy in the body, B is the thickness of the sample and a is the
crack length. Gc is usually applied to linear elastic materials, whereas it is defined as Jc
for materials in which non-linearity is present due to plasticity or viscoelasticity.

Although the calculation of Jc is relatively simple, difficulty arises in defining experimental
conditions. Taylor et al [140] determined the relation of failure stress to the initial crack
length (see Figure. 1.17). Figure. 1.17 has three regions (I,II,III). In region I it is observed
that for initial crack lengths under a critical length (a0) the failure stress was equal to
ultimate strength of the material and hence obtained fracture toughness parameter values
were erroneous. The material is said to fail under strength control. In the second region,
where the initial crack length is large enough to have an effect, certain corrections are
required without which the Jc value is lower than the true value. The material is said to
failed under mixed control in this region. For crack lengths sufficiently greater than the
critical crack length (region III), failure is entirely determined by the fracture toughness
and the ultimate strength can not be determined.

There are also several mechanisms that tend to absorb energy within a material such
as multiple cracking, plasticity and viscoelasticity. These considerations are often not
made when determining fracture toughness of a material. For soft biological tissues, the
most dominant effect causing energy dissipation is assumed to be viscoelasticity. Oyen
et al [109] proposed that the predicted Jc was less than the true value in soft biological
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Figure 1.17: Effect of the initial crack length (a) on the measured fracture stress with regions I,
II, III describing regions of strength control (I), mixed control (II) and toughness control (III)
respectively [140]

tissues due to energy dissipation as a result of viscoelasticity. To determine the effect
of viscoelasticity on the measured Jc, cyclic loading experiments on neocartilage were
performed with and without notches. A dissipation energy ratio (D(n)) was determined
and defined as the ratio of dissipated energy to total energy (UT).

D(n) = UD(n)/UT(n) (1.81)

where D(n) is the dissipated energy ratio per cycle number (n), UD is the dissipated
energy ( hysteresis loop) and UT the total energy applied to the sample. The working
principle is that for an unnotched sample the total dissipated energy is due to viscous
losses, however during crack propagation the dissipated energy is the sum of dissipated
energy (UD) and fracture energy (UF). Hence Jc was defined

UF = UD(n) − UT(n) D0(n) (1.82)

Jc(n) = UF(n)
[B Δa(n)] (1.83)

where D0 is the dissipated energy ratio in the absence of a crack or the ’predictable
viscous energy’, B is the thickness and Δa is the change in crack length.
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Suture Retention Test

Suturing is a common surgical procedure used for wound treatment to close cuts or during
implantation to hold prosthesis to native tissue. The interaction between the suture and
tissue is often assessed using tests aimed at measuring suture retention strength (SRS)
and is popular in the cardiovascular grafting [110]. The AAMI/ISO/ANSI 7198 Standard
(2016) defines suture retention strength or the anastomotic strength, as “the force needed
to pull a suture from a prosthesis, or cause failure in a prosthesis”. Hereby, a suture is
classified sufficient if it is able to withstand a force of 2.0 N.

A typical suture retention test as described by the standard involves a rectangular shaped
test specimen clamped on one edge with a suture material pulled through the a notch on
the free edge (see Figure. 1.18). The notch is created with a suture needle and hence
the notch size is dependent on the needle size. This is referred to as the suture bite.
The suture bite depth is the distance from the free edge of the specimen (aB) that shall
amount to 2 mm as per the standard. The suture shall be tied off and pulled with a
speed (v) of between 50-200 mm/min (ISO 7198, 2016). However, no specifications are
given as to the type of suture and the bite size (needle size), thickness of the sample
(d), specimen width (w) or the length of suture bite from the clamped edge L0 (see Fig.
1.18).

Figure 1.18: Sample geometry for the Suture Retention Strength (SRS) test with suture bite
depth (ab), sample length (L), distance to clamp (L0) and width (w)

Each of these geometrical parameters have been shown to influence the outcome of SRS
test. Several suture types with varying thickness of suture wire and needle sizes are
available at different clinics and for different surgical applications. Several authors have
investigated the effects of these geometrical parameters with the aim of standardizing test
protocols. A study by Trostle et al [141] showed that the SRS increased logarithmically
with suture bite size (needle size). Mine et al [93] showed a decreasing SRS force when
thicker suture wires were used. They also proposed the existence of an early failure point
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referred to as the breaking start strength (BSS) which depends only moderately on the
sample thickness. Cooney et al [35] investigated the effect of the suture bite depth (aB)
and sample width (w) and observed that SRS values increased with increasing values of
aB and w. Pensalfini et al [110] suggested ’regions of trust’ for geometrical parameters
for the performance of suture retention strength test on soft biological tissue. They
performed tests on bovine Glissons’ capsule, porcine pericardium, human amnion as
well as 4 types of Silicone, two Room temperature Vulcanizing (RTV) silicones and 2
Polydimethysiloxanes (PDMS) silicones, to determine both tearing energy and SRS and
the effect of geometric and testing parameters.

A study of the geometric and testing conditions of the SRS test showed that both the bite
depth (aB) and specimen width only affect SRS whiles BSS remains relatively insensitive
to them. The range of testing speeds (v) specified by the standard were tested and an
increase of 25% in SRS and BSS was observed at faster pulling rates postulated to be
related to the time dependent characteristics of the tissues tested. The distance of the
suture bite depth from the clamped edge L0 showed no significant impact on BSS. SRS
however differed between the lowest and largest considered lengths. Investigation of the
role of the sample thickness showed a proportional relation with the SRS.

Further results showed that failure always began before the peak catastrophic force,
corresponding to the BSS force. The SRS/BSS ratio for soft biological tissues was between
1.5 and 4 and between 3 and 7 for silicones. The BSS for each material is shown to have
a linear correlation with the tearing energy and is therefore hypothesied to be a fracture
dominated metric. Considering BSS, the soft biological tissues are shown to be tougher
than elastomeric materials. Considering SRS, elastomeric materials have stronger suture
retention behaviour. In conclusion, a suture bite depth and specimen width of greater
than 2 mm and greater than 10 mm respectively are sufficient for performing SRS tests,
based on findings of Pensalfini et al [110]. The suture bite, suture material, loading speed
and sample thickness should be recorded during testing to enable future comparisons.

1.4 Structure of Thesis
The main aim of the dissertation was to provide an objective means of characterizing
both soft biological tissue as well as tissue mimicking materials in terms of mechanical
properties of interest during surgical training and rehearsal. A short introduction to the
current state of the art in anatomical models, the gap and motivation for the research,
the main objectives, and summary of the scientific work was given first.

The following three original contributions form the core of the dissertation and were
published in peer reviewed journals:

• Chapter 2 - Based on self-published work [6] this research proposes the use of a
reduced-parameter adaptive quasi-linear viscoelastic (AQLV) material model for
the modeling of soft biological tissues at finite strain ranges. The research enables
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an objective comparison of soft tissue material properties as well as reducing the
experimental burden associated with viscoelastic characterisation.

• Chapter 3 - Based on self-published work [7], this chapter describes the estimation
of fracture toughness properties of soft biological tissues specifically porcine liver
and porcine muscle tissue by the separation of strain level dependent viscous
dissipated energy based on the AQLV material parameters. This research enables a
better understanding of the constitutive viscoelastic and fracture behaviour of soft
collagenous tissues.

• Chapter 4 - Based on self published work [8], this chapter proposes a method-
ology to create tunable tissue mimicking tissues by introducing the concepts of
microstructuring, fibre reinforcement and fluid infill into 3D printed polymeric
material matrix in order to control non-linear elastic, viscoelastic and fracture be-
haviour. The research establishes techniques for refinement of 3D printed anatomic
models towards improved surgical rehearsal.

The initial research goals, firstly to provide experimental methods and constitutive
modeling approaches to objectively quantify the elastic, viscous and fracture responses of
both soft biological tissues and tissue mimicking materials, were achieved in the initial
two publications in Chapter 2 and Chapter 3. These served as a basis for comparison for
developing 3D printed, tuned polymeric tissue mimicking materials shown in Chapter
4. The contribution to these works include but were not limited to the methodology,
validation, software, investigation, formal analysis, visualization and original draft writing.

1.5 Summary of Publications and Contributions
The dissertation is based on the following publications. Publications I-III the author of
the current dissertation is the first author and contributed to the methodology, software,
validation, investigation, formal analysis, visualization and the writing of the original
draft.

• I - Aryeetey OJ, Frank M, Lorenz A, Estermann SJ, Reisinger AG, Pahr DH. A
parameter reduced adaptive quasi-linear viscoelastic model for soft biological tissue
in uniaxial tension. J Mech Behav Biomed Mater. 2022;126:104999.

• II - Aryeetey OJ, Frank M, Lorenz A, Pahr DH. Fracture toughness determination
of porcine muscle tissue based on AQLV model derived viscous dissipated energy.
J Mech Behav Biomed Mater. 2022;135:105429.

• III - Aryeetey OJ, Jaksa L, Bittner-Frank M, Lorenz A, Pahr DH. Development of
3D printed tissue-mimicking materials: Combining fiber reinforcement and fluid
content for improved surgical rehearsal. Materialia. 2024;34:102088.
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In addition to the work presented in this dissertation, I contributed to the following
publication (IV), which, although not included in the scope of this thesis, supported the
overall research project and significantly informed the completion of my work. Here, I
contributed as a second author to the methodology, formal analysis and writing review.

• IV - Jaksa L, Aryeetey OJ, Hatamikia S, Nägl K, Buschmann M, Pahr DH, Kronreif
G, Lorenz A. 3D-printed multi-material liver model with simultaneous mechanical
and radiological tissue-mimicking features for improved realism. Int J Bioprint.
2023;9(4):721.

1.6 Scientific Contribution
In this thesis, an important step towards the development of much more realistic anatom-
ical models for surgical rehearsal has been applied by characterizing both soft biological
tissue as well as tissue mimicking materials in terms of mechanical properties.

The complex nature of soft biological tissues has shown that there is a need to apply
more flexible constitutive material models to better capture these complexities. However,
the more flexible the constitutive model, the larger the number of material parameters
required as well as the higher the number of experimental tests needed to calibrate the
model. The application of the reduced parameter AQLV model enables a reduction in the
number of experiments required as well as the number of material parameters whilst still
maintaining a good accuracy with respect to experimental fitting. The reduced number
of parameters also makes direct comparison between various tissues and materials easier.

In determining fracture toughness of soft biological tissues, it is necessary to account
for the energy dissipated as a result of viscoelastic and plastic processes. The AQLV
model parameters applied to the uniaxial tensile loading experiments based on previously
calibrated material parameters showed a reasonable estimation of energy dissipation. The
determination of fracture toughness based on these loss values were within reasonable
range. It is hypothesized that other processes such as plasticity may account for slight
discrepancies in the results as well. However the results show promising use of more
flexible strain dependent constitutive models to help in determining fracture toughness
of soft tissues which are paramount in surgical processes.

The proof of concept for the development of techniques to tune mechanical properties of
polymeric materials showed that the reduction of material stiffness could be achieved
by introducing a microstructure/infill in the polymeric matrix, essentially reducing the
overall mass of material. The introduction of stiff wavy fibres analogous to collagen fibres
in soft collagenous tissues, enabled the tuning of non-linear elastic response of the tissue
mimicking materials. The novel concepts of introducing a viscous fluid to fill the internal
cavities of the structure, fulfilled the goal of increasing the materials viscoelastic response
as well. All in all the various applied techniques in this proof of concept can be applied
to mimic various other soft tissues. This makes the approach more broadly applicable
regardless of the type of 3D printer or polymeric ink being used.
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Abstract
Mechanical characterisation of soft viscous materials is essential for many applications
including aerospace industries, material models for surgical simulation, and tissue mim-
icking materials for anatomical models. Constitutive material models are, therefore,
necessary to describe soft biological tissues in physiologically relevant strain ranges.
Hereby, the adaptive quasi-linear viscoelastic (AQLV) model enables accurate modelling
of the strain-dependent non-linear viscoelastic behaviour of soft tissues with a high flexi-
bility. However, the higher flexibility produces a large number of model parameters. In
this study, porcine muscle and liver tissue samples were modelled in the framework of the
originally published AQLV (3-layers of Maxwell elements) model using four incremental
ramp-hold experiments in uniaxial tension. AQLV model parameters were reduced by
decreasing model layers (M) as well as the number of experimental ramp-hold steps (N).
Leave One out cross validation tests show that the original AQLV model (3M4N) with
19 parameters, accurately describes porcine muscle tissue with an average R2 of 0.90 and
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porcine liver tissue, R2 of 0.86. Reducing the number of layers (N) in the model produced
acceptable model fits for 1-layer (R2 of 0.83) and 2-layer models (R2 of 0.89) for porcine
muscle tissue and 1-layer (R2 of 0.84) and 2-layer model (R2 of 0.85) for porcine liver
tissue. Additionally, a 2 step (2N) ramp-hold experiment was performed on additional
samples of porcine muscle tissue only to further reduce model parameters. Calibrated
spring constant values for 2N ramp-hold tests parameters k1 and k2 had a 16.8% and
38.0% deviation from those calibrated for a 4 step (4N) ramp hold experiment. This
enables further reduction of material parameters by means of step reduction, effectively
reducing the number of parameters required to calibrate the AQLV model from 19 for
a 3M4N model to 8 for a 2M2N model, with the added advantage of reducing the
time per experiment by 50%. This study proposes a ’reduced-parameter’ AQLV model
(2M2N) for the modelling of soft biological tissues at finite strain ranges. Sequentially,
the comparison of model parameters of soft tissues is easier and the experimental burden
is reduced.

Keywords: Viscoelasticity, Quasi-linearParameter reduction, Soft tissue, Mechanical
characterization

2.1 Introduction
The mechanical characterisation of soft viscous materials is essential in applications such
as in the aerospace and automotive industry for sound damping [108], for anatomical
models used in surgical training [117, 12, 123] and for medical diagnosis of diseased tissue
[44, 131, 24]. However, this process can be difficult due to the non-linear, time-dependent
behaviour of such materials, especially for soft biological tissue. Hence, complex material
models with a large number of parameters are often required to model such material
behaviour accurately.

The mechanical properties of different biological tissues vary over several orders of
magnitude and are dependent on the strain level. For example, the initial tensile elastic
moduli of human adipose tissue is ≈ 3kPa [56], porcine hepatic tissue [39] at 14 % strain
≈ 30kPa, and for leporine skeletal muscle [98] at 50% strain ≈ 450kPa. Moreover, there is
also a high variability of mechanical properties of a specific tissue of a single species due
to age, gender or disease [83]. Hence, it is necessary that constitutive models effectively
capture these material characteristics to enable differentiation and comparison across
different soft biological tissues.

Previous literature on the constitutive modelling has shown that soft biological tissues
exhibit a quasi-linear behaviour i.e. a linear stress-strain behaviour at low strains and
a non-linear behaviour at higher strains [80, 138, 48]. Several constitutive models can
be applied, whereby Fungs’ quasi-linear viscoelastic (QLV) model is the most common
one[47]. The major advantage of the QLV model and its extensions are twofold. Firstly,
it is a non-linear viscoelastic model describing the mechanical behaviour of soft tissues
very accurately. Secondly, it enables modelling of both the non-linear elastic and linear
viscoelastic behaviour of soft tissue, with a single set of parameters. In contrast, other
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approaches implement a hyperelastic model to describe the non-linear elastic behaviour
[48, 125, 151, 145], and a viscoelastic model to describe the viscous (relaxation or creep)
response [40, 164, 21]. In the QLV a single set of parameters, which may be 8 or less,
depending on the specific adaptation used [3, 68, 101], is sufficient for modelling the
material behaviour of soft biological tissues.

A limitation of the QLV model is, however, the assumption of a single reduced relaxation
function at all strain levels. Simply put, if the QLV model is fitted to experimental stresses
at a specific strain level it would not accurately predict stresses at different strain levels.
To overcome this shortcoming, some extensions of the QLV model with a higher flexibility
were proposed, such as that of Pipkin & Rogers [112], the generalized Fung model by Pryse
et al. [114], the attenuated non-linear viscoelastic model (ANLV) proposed by Quaia et al.
[121] and the adaptive quasi-linear viscoelastic (AQLV) model proposed by Nekouzadeh
et al. [104]. In general, the greater the flexibility of the model, the higher the number of
parameters and computational expense required to fit the model to experimental data.
Moreover, a large number of material parameters, makes comparison between various soft
biological tissue as well as comparisons to polymeric tissue mimicking materials (TMMs),
used in anatomical models, difficult and cumbersome. Hence a trade-off between accurate
modelling and fewer parameters would be advantageous.

The AQLV model is a non-linear viscoelastic model with a greater flexibility to model
strain dependent behaviour but still simple to calibrate, compared to other models.
Its parameters are calibrated by fitting model parameters to the stress responses of
incremental ramp and hold experiments simultaneously. Further, the AQLV model is
able to describe with a single set of parameters both the ramp loading response and
the relaxation behaviour of soft biological tissue with good material fits [103, 120]. The
originally published model, however, produces a high number of model parameters (19) as
it is modelled with 3 Maxwell layers (M = 3) over 4 incremental ramp-hold tests (N = 4).
Due to its flexibility, the number of layers and incremental ramp-hold phases can be
reduced. As a result, the number of material parameters, as well as the experimental
burden (time per single experiment), is also reduced.

Generally, previous studies aimed to increase the modeling accuracy and capability of
constitutive models, thereby increasing the complexity of such models. In contrast,
the aim of the current work is, to investigate the effect of a reduction in the AQLV
model parameters on model accuracy and fitting. Here, uniaxial tensile experiments
are carried out on a reasonable number of porcine skeletal muscle (M. longissimus) and
porcine liver tissue (8 per group) to determine the non-linear viscoelastic response of
these tissues based on the AQLV model. Further, the accuracy of a reduced form of
the original AQLV model is investigated by sequentially reducing the model layers (M)
and number of ramp-hold tests (N). This is the first time to the authors knowledge
that the AQLV model would be applied to model porcine skeletal muscle and liver tissue
and that a parameter reduction study is carried out on the AQLV model. The reduced
model parameters will enable future finite element simulation of these tissues, ease the
comparison of tested tissues and reduce the experimental burden associated with the
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calibration of a large number of tissue samples.

2.2 Methods
2.2.1 AQLV model theory
The AQLV model (originally described by Nekouzadeh et al. [104, 103]) is a constitutive
model that relates stress σ to strain ε via a simple multiplication between the viscoelastic
strain V (ε)(t) and a pure non-linear function of strain k(ε(t)). V (ε)(t) incorporates the
relaxation function g(t), which describes the diminishing effect of the strain history on
the current level of stress. The AQLV model can be interpreted as M Maxwell elements
in parallel with a single spring (see Figure 2.1A). In each layer i, gi(t) is chosen as a
sum of exponential functions gi(t) = e−t/τi to represent the model in terms of parallel
Maxwell elements, whereby the relaxation time τi is the ratio of the dashpot coefficient
bi to the spring constants ki, ( τi = bi

ki
).

σ(t) = k
(︂
ε(t)

)︂
V (ε)(t) (2.1)

V (ε)(t) =
∫︂ t

−∞
g(t − τ)dε(τ)

dτ
dτ (2.2)

All the spring constants ki and damper coefficients bi are dependent on the overall tissue
strain ε. For each Maxwell element i, a set of differential equations describes the stress
and strain response:

Vi
˙ + Vi

τi(ε) = ε̇ (2.3)

σi(t) = ki(ε(t)) Vi(t) (2.4)

The relaxation times τi are therefore theoretically dependent on the overall tissue strain
and not on the individual strains in each Maxwell element. A requirement of the model is
that in each Maxwell element, both spring and damper elements should be proportional
to the same non-linear function Ψi(ε) of strain, since each element models a tissue-level
strain-dependent relaxation mechanism. Hence the relaxation times τi are independent
of strain:

τi(ε) = bi(ε)
ki(ε) = biΨi(ε)

kiΨi(ε) = bi

ki
= τi (2.5)

Consequently, equation 3.11 and 3.12 become linear and their solution can be calculated
in closed form from a linear convolution integral for a constant strain rate,

Vi
˙ + Vi

τi(ε) = ε̇ → Vi(t) =
∫︂ t

−∞
e−(t−ξ)/τi

dε(ξ)
dξ

dξ i = 1, 2, ...M (2.6)

where M is the total number of parallel Maxwell elements. The total stress can be given
as the following summation:

σ(t) = σ0(ε(t)) +
M∑︂

i=1
ki(ε(t)) Vi(t) (2.7)
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The residual stress σ0(ε(t)) for the fully relaxed model is a pure function of strain and is
related to the spring constant of the single spring element k0(ε(t)).

Figure 2.1: A) Maxwell element representation of the original AQLV model [103], showing the
connection of non-linear springs ki and dampers bi. B) Strain-time inputs (top) and stress-time
outputs (bottom) of a typical incremental ramp and hold experiment for the calibration of the
original model with N = 4 levels. Highlighted (gray) are the elective Maxwell elements and
ramp-hold steps that formulate the presented reduced models.

2.2.2 AQLV model calibration
The AQLV model is calibrated using an incremental ramp-hold protocol as seen in Figure
2.1B. This involves equidistant ramp stretches Δε over stretch time T at a constant
strain rate Δε

T = const, followed by hold phases for sufficiently long times, with ε̇ = 0 to
allow relaxation of the sample to an equilibrium stress σ0. To obtain the stress-strain
relation, a strain function for the nth ramp-hold test is given by :

εn(t) =

��
(n − 1)Δε, t < 0

(n − 1)Δε + Δε
T t, 0 < t < T

nΔε, t > T

(2.8)

and substituted into the equation for viscoelastic strain at each level V
(ε)

i/n(t) (ith Maxwell
layer, nth ramp-hold), represented for time phases between 0 < t < T given as:

V
(ε)

i/n(t) =
∫︂ t

0
gi(t − τ)Δε

T
dτ = Δε

T
γi(t) 0 < t < T (2.9)

whereby γi(t) is the integral of gi(t). For each nth hold relaxation for time phases t > T ,
where T is the ramp time, the viscoelastic strain is given by:

V
(ε)

i/n(t) =
∫︂ T

0
gi(t − τ)Δε

T
dτ = Δε

T

(︂
γi(t) − γi(t − T )

)︂
t > T (2.10)
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Incorporating equation 3.16 and 3.17 into equation 3.9 for the predicted stress σR/n for
ramp phases of the test gives:

σR/n(t) = σ0/n + Δε

T

M∑︂
i=1

ki/n γi(t) (2.11)

The predicted stresses for the hold phase of each nth test is given by substituting equation
3.16 and 3.18 into equation 3.9:

σH/n(t) = σ0/n + Δε

T

M∑︂
i=1

ki/n

(︂
γi(t) − γi(t − T )

)︂
(2.12)

In the originally published model applied to neocartilage [103], the number of calibration
steps (N) used was 4 and the number of model layers i.e. parallel Maxwell elements M
was 3. The relaxation function represented as exponential shape functions can be given
by:

g1(t) = τ1
(︂
1 − e−t/τ1

)︂
, g2(t) = τ2

(︂
1 − e−t/τ2

)︂
, ... (2.13)

Substituting the shape functions into equation 3.18 gives the predicted hold phase stresses
at each nth ramp-hold test as:

σH/n(t) = σ0/n + Δε

T

3∑︂
i=1

ki/n τi

(︂
eT/τi − 1

)︂
e−t/τi (2.14)

Values for σ0/n and ki/n are obtained at each strain level (n). Values between obtained
points are determined by means of a cubic spline interpolation as performed originally
[103]. It is, however, possible to apply different interpolation functions such as a quadratic
or exponential interpolation.

The values of τi and ki/n are calibrated using only the hold phase, whereby the integrals
In are minimized, σH/n(t) is the predicted hold stress, and Hn(t) is the experimentally
recorded relaxation stress:

In =
∑︂

n

∫︂ +∞

T

(︄
Hn(t) − σH/n(t)

Hn(T )

)︄2

dt (2.15)

The fitted parameters are then implemented into equation 3.16 to predict ramp phase
stresses. To account for non-linear strains in the ramp phase, experimentally obtained
optical strains (ε(t)) might be implemented into the following adaptation of the equation
3.18 :

σ(ε, t) = σ0(ε(t)) + Δε

T

3∑︂
i=1

ki(ε(t))τie−t/τi (2.16)

where ki values have been implemented as a function, hence in the routine, σ0(ε(t)) and
ki/n(ε(t)) are computed, in this case, from the cubic spline interpolation of σ0/n, ki/n

values, respectively.
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2.2.3 Study Design
In the present study, the mechanical response of eight samples each, of porcine skeletal
muscle and porcine liver tissue at (large) strains was modelled. Calibration was performed
with experimental data of only the hold relaxation stresses at different strain steps N = 4
with three Maxwell elements (M=3) which describes the original (3-layer) model (see
Figure 1). The calibration was implemented numerically in Python 3 based on the
original available code and validated against previous data from Nekouzadeh et al.
[103] and Smith et al [133]. Stresses in the ramp phase were then predicted using the
obtained model parameters. The original Python functions were altered to implement
parameter reduction techniques. To compare the quality of fit across the original and
reduced models, the coefficient of determination (R2) and the root mean square error
(RMSE) were determined for each model (see section 2.4.3. for details). A leave one out
cross validation (LOOCV) was performed for all samples to assess how well the model
parameters of each AQLV model would predict future tissue samples. The process was
performed for both porcine skeletal muscle and liver tissue.

2.2.4 Parameter reduction
Layer reduction

The originally published AQLV model [103] uses 3 parallel Maxwell elements and is,
hence, referred to as the 3-layer model. Calibration of soft tissue material parameters in
the framework of the original AQLV model with M = 3 layers and using N = 4 strain
levels (experimental ramp-hold levels) would involve identification of M = 3 relaxation
times (τi), N ·M spring constants = 12 and N = 4 equilibrium stresses (σ0). The number
of total material model parameters L follows from

L = M + N · M + N (2.17)

resulting in L = 19 material model parameters. Here a 1- and 2-layer model (M = 1 and
M = 2) and the usage of two or four strain levels (see Section 2.4.2) are further proposed.
However, a decrease in accuracy of the model is expected with a reduction in the number
of model parameters. The aim is to determine if reduced models could still reasonably
model the viscoelastic behaviour of soft biological tissue similar to a AQLV model with
three layers and four strain levels.

Reduction of strain levels

A further possibility of parameter reduction, as well as a means of reducing the experimen-
tal burden, is the reduction of the number of experimental steps (N) used for calibration
(see Figure 2.1B). Conventionally, four strain levels are used to interpolate the behaviour
of the residual stress and spring constants between zero and the maximal experimental
strain. Here, we propose the use the calibrated values of the model parameters at two
strain levels N = 2, instead of at all four strain levels (N = 4). Four additional muscle
tissue samples were tested at 2 ramp-hold steps and k1 and k2 were obtained at those
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2 strain levels (0.2 and 0.4 strain). A higher strain level was chosen to investigate how
well the model predicts material behaviour close to the yield range of muscle tissue.
However only values of k1 and k2 at 0.2 strain were compared to those obtained from a
four ramp-hold (N = 4) experiment.

Average model parameters and fits

The material parameters (σ0/n, τi, ki/n) of each model (3-,2-,1-layer ) are obtained for
each of the samples individually. The leave one out cross validation (LOOCV) is applied
to the mean values of material parameters obtained.

The quality of model fits are compared using the coefficient of determination (R2) and
the root mean square error (RMSE). Hereby, R2 and RMSE are determined for each
tissue using the average of the 7 remaining tissue samples. Each R2 and RMSE obtained
from each individual prediction is measured and the mean of the values is reported.
This describes how well a given set of material parameters would predict the next tissue
sample.

Comparison to commonly used material properties

Although the AQLV model enables accurate modeling of soft biological tissue, it requires
a large number of material parameters for calibration, which makes it cumbersome
to compare. However, commonly used elastic and viscous parameters such as the
instantaneous modulus (E0, ε̇ → ∞), long term modulus (E∞, ε̇ → 0), storage modulus
(E′), loss modulus (E′′) and loss tangent (tanδ) could be calculated based on the ki/n

values at calibrated strain levels by the following equations, assuming linear visco-
elasticity and small amplitude oscillations on top of an offset strain [55]. It is however
noted that these values only represent approximations serve only to provide easier physical
interpretation of AQLV model parameters and comparison to literature.

E′(ε(t)) = k0(ε(t)) +
M∑︂

i=1

ki(ε(t))ω2τ2
i

1 + ω2τ2
i

(2.18)

E′′(ε(t)) =
M∑︂

i=1

ki(ε(t))ωτi

1 + ω2τ2
i

(2.19)

whereby the angular frequency (ω) is assumed to be 1 Hz throughout the current study,
for 1 mm/s loading rate. The loss tangent (tan δ) is the ratio of the loss to storage
modulus and is computed as :

tan δ(ε(t)) = E”(ε(t))
E′(ε(t) (2.20)

Long term modulus (E∞) and instantaneous modulus (E0) are calculated as :

E∞(ε(t)) = σ0(ε(t)) (2.21)
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E0 = σ0(ε(t)) +
M∑︂

i=1
ki(ε(t)) (2.22)

2.2.5 Sample Preparation
Whole porcine skeletal muscle (M. logissimus) and liver organs were obtained fresh from
a local abbattoir. Porcine skeletal muscle samples were directly sliced (see Figure 2.2A),
whilst Glisson’s capsule of porcine liver tissue was firstly excised, leaving parenchyma
tissue only (see Figure 2.2B). Tissue was sliced into rectangular 75 · 20 · 5 mm3 (L · B · T )
samples as described previously by Estermann et al. [40], for stress relaxation experiments.
Specimens were stored in a physiological saline solution (9 g/l NaCl) at room temperature
immediately after incision, until testing, to ensure hydration. A total of 12 porcine
muscle (8 samples for 4N and 4 for 2N ramp-hold experiments) as well as 8 liver tissue
specimens, were used for model calibration.

2.2.6 Mechanical testing
Experiments were performed with an electro-mechanical test machine
(ZwickiLine Z2.5, Zwick Roell GmbH, Ulm, Germany) in combination with a 100 N load
cell (S2M HBM, Freiburg, Germany) and a data acquisition system (QuantumX MX440B
HBM, Freiburg, Germany) operated at 10 Hz (see Figure 2.2C). A high resolution camera
(Sony α-6400, Sony, Tokyo, Japan) was used for optical video recording at 1 Hz.

CA

Figure 2.2: A) Porcine muscle tissue and B) porcine liver tissue samples with markers used for
optical strain tracking. Lines indicate the average position of markers on top and bottom of the
sample. C) Mechanical test setup for uniaxial tensile testing, the sample is fixed with clamps and
connected to a 100 N load cell mounted in a electro-mechanical testing machine.

Incremental ramp and hold experiments were performed to calibrate the AQLV model,
as described previously by Nekouzadeh et al. [104]. Samples were preconditioned directly
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prior to experiments individually by clamping approximately 15 mm of one edge (top)
and allowing to hang for a period of 300 s. In the meantime, white dot markers (GOM,
Braunschweig, Germany) were placed slightly below the upper clamped region and above
15 mm from the bottom end to avoid bell ends and to ensure that the gauge area was
vertical. These were used for strain tracking analysis with a point tracking algorithm
described previously by Frank et al. [45] (see Figure 2.2A).

Effective gauge length was approximately 40 mm for both tissue types. Specimens were
subsequently clamped on both edges. The tissues were pulled at a speed of 1 mm/s, as
performed in the original study by Nekouzadeh et al [103] for four equal strain steps
(N = 4). The exact strains were determined optically with the strain tracking algorithm.
The loading rates were assumed to be adequately small that inertial effects are negligible.
The hold phases were 1500 s; this was tested prior to allow the tissue to reach an
equilibrium state. Samples were hydrated intermittently by means of spraying to prevent
severe dehydration in final stages of testing.

2.2.7 Stress and strain determination
Actual sample strains were obtained via digital image correlation (DIC). Hereby, the
position of the markers is tracked over time and the relative displacement between the
marker positions at the top and bottom is determined. Hence, engineering strain is
computed as :

ε(t) = l(t) − l0
l0

(2.23)

where l0 is the initial length (at zero-force) and l(t) the actual length of the tissue. The
uniaxial linear engineering stress (σ) is calculated from the axial measured force (f) and
the cross sectional area (A0 = B · T ), measured with a caliper (prior to testing) and
averaged at 3 positions, using the following equation:

σ(t) = f(t)
A0

(2.24)

2.2.8 Statistical analysis
Model fits (R2, RMSE) between each reduced model (1-, 2-layer) as well as results of step
reduction for spring constant values k1 and k2 for step reduced models 2-layer models at
4 strain levels 2M4N and at 2 strain levels 2M2N were tested for statistical significance
with respect to the 3-layer model using the Mann-Whitney U test for a significance level
of α = 0.05 implemented in Python 3.

2.3 Results
The mean experimentally determined stress curves with standard deviation for 8 porcine
muscle tissue samples is shown in Figure 2.3A and for 8 porcine liver tissue is shown in
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2.3B. A relatively high variation in tissue stresses is still observed in both tissue types,
with an increasing deviation in stresses at higher strain levels.

Figure 2.3: Mean stress-time results of incremental ramp-hold tests (black) with standard
deviation (gray) of A) porcine longissiumus muscle and B) porcine liver tissue.

2.3.1 Comparison of AQLV models
Calibration of all model parameters was done for each sample individually for all samples
to obtain material parameters (σ0/n, ki/n and τi). R2 and RMSE values from the Leave
One Out cross validation (LOOCV) were calculated and tabulated for both porcine
muscle and porcine liver tissue (see Table.1).
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2.3. Results

The mean parameters σ0, ki(ε) were fitted with a cubic spline interpolation, to obtain
intermediate points and are illustrated for porcine muscle tissue in Figure 2.4.

Figure 2.4: Mean ± confidence interval equilibrium stresses (σ0) and spring constants (ki)
values shown as a function of global strain (ε) of AQLV models of porcine muscle. Dots represent
calibrated average values connected by cubic spline interpolations. Shadowed regions represent
the 95% CI. A similar representative image was obtained for porcine liver tissue (see Appendix).

A similar representative image was obtained for porcine liver tissue (see Appendix). For
the LOOCV, a single representative porcine muscle tissue sample was chosen to show the
predictive behaviour of a 1-layer (blue), 2-layer (red) and 3-layer (black) AQLV model
with respect to experimental (gray) data (see Figure 2.4).

For porcine muscle tissue, it was observed, that the 3-layer and 2-layer model produced
relatively close R2 values (qualitative) fits, (0.90 ± 0.13 and 0.89 ±0.15 respectively),
whereas the 1-layer showed a worse fit (0.83 ± 0.08). Quantitatively, the 3-layer model,
however showed a slightly higher RMSE (3.24 ± 1.74) kPa compared to the 2-layer
(2.52 ± 1.61) kPa and 1-layer (2.61 ± 2.54) kPa model. For porcine liver tissue, the
3-layer model showed better fits, albeit only slightly, both qualitatively (0.86 ± 0.10) and
quantitatively (0.28 ± 0.06), as compared to the 2-layer (0.85 ± 0.07, 0.29 ± 0.22 ) and
1-layer (0.84 ± 0.01, 0.35 ± 0.15) AQLV models.
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A

B

Figure 2.5: Representative plot demonstrating the predictive behaviour of 1-layer (blue), 2-layer
(red) and 3-layer (black) AQLV models with respect to experimental (gray) data of a representative
A) porcine muscle tissue and B) porcine liver tissue.

2.3.2 Reduction of strain levels
Four additional porcine muscle tissue samples were calibrated with a 2-layer AQLV model
at a two step incremental ramp-hold test performed on 4 porcine muscle samples. A
representative muscle tissue sample calibrated at 2 ramp-hold steps (N = 2) is shown in
Figure 2.6.

Determined values of k1 (1370 ± 310) kPa for a 2M2N AQLV model were within the
range of measured values for muscle tissue calibrated at 4 strain levels (N = 4) for a
3-layer AQLV model (1020 ± 390) kPa and 2-layer model (1230 ± 400)kPa calibrated at
4 ramp-hold steps (N = 4). There was no significant difference between the values of
each pair of calibrated k1 values (p = 0.22) based on the Mann-Whitney U test. This
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Figure 2.6: Predictive behaviour of a 2-layer AQLV model (red) calibrated at 2 ramp and hold
(2N) levels with respect to experimental data (gray).

accounts for a maximum percentage deviation of ≈ 16.8% for k1. Values determined
for k2 (76 ± 17) kPa for a 2M2N AQLV model showed a higher maximum percentage
deviation (≈ 38%) as compared to k2 determined 4 ramp hold steps for a 3-layer (120 ±
34) kPa and 2-layer (120 ± 30) kPa model. There was a significant difference for tests
between each pair of calibrated k2 values (p = 0.006).

p=0.006

Figure 2.7: Plots showing k1 (left) and k2 (right) calibrated with varying Maxwell layers M
and ramp-holds N steps at 0.2 strain for porcine muscle tissue.
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2.3.3 Comparison to commonly used material properties
To obtain material parameters that are commonly used in literature, the long term elastic
modulus E∞(ε(t)), and instantaneous elastic modulus E0(ε(t)) for each strain level was
calculated from equations 2.21 and 2.22 respectively (see Table 2.2). An increasing trend
is observed with increasing strain level. While a decreasing stiffness is observed with
decreasing model layers for both muscle tissue and liver tissue. The storage modulus E′′,

3-layer 2-layer 1-layer
ε E0 E∞ E0 E∞ E0 E∞
Muscle
0.06 2.0 250 2.0 270 2.0 170
0.13 7.5 650 7.0 720 7.7 440
0.20 13 1030 13 1240 14 68
0.26 20 1590 18 1530 20 870
Liver
0.04 0.1 64 2.0 22 0.1 6.8
0.08 0.8 150 7.7 100 0.8 33
0.12 2.5 300 14 190 2.6 100
0.16 4.4 630 20 400 4.3 220

Table 2.2: Identified long term elastic modulus (E∞) and instantaneous elastic modulus (E0)
based on identified spring constant values (ki) for each strain level (n) for porcine muscle and
liver tissue.

loss modulus E′ and loss tangent tanδ per calibrated strain level n were also calculated
(see Table 2.3), based on AQLV model parameters. Loss tangent values ranged from
0.073 to 0.086 for porcine muscle tissue and from 0.044 to 0.085 for porcine liver tissue
with small variations with increasing strain level and model layer reduction.

3-layer 2-layer 1-layer
ε E′ E′′ tan δ E′ E′′ tan δ E′ E′′ tan δ

Muscle
0.06 254 19.0 0.074 300 24.4 0.081 164 14.2 0.086
0.13 758 56.7 0.074 783 62.6 0.079 434 37.2 0.085
0.20 1210 89.8 0.073 1360 107 0.079 790 68.0 0.085
0.26 1850 137 0.074 1660 132 0.079 860 73.6 0.085
Liver
0.04 33.0 2.1 0.065 19.0 1.3 0.067 11.2 0.9 0.086
0.08 59.0 3.6 0.061 39.6 1.9 0.047 17.8 1.5 0.084
0.12 164 11.4 0.069 81.0 3.6 0.044 46.0 3.9 0.085
0.16 405 30.2 0.074 179 11.2 0.063 90.7 7.7 0.085

Table 2.3: Identified storage modulus (E′), loss modulus (E′′) and loss tangent (tan δ) per strain
level based on identified spring stiffness values (ki) for porcine muscle and liver tissue.

46



2.4. Discussion

2.4 Discussion
In this study, soft biological tissue (porcine muscle and liver), was modelled in the
framework of the AQLV model under physiologically relevant large strains (ε > 3%
[155]). Model parameter reduction was performed to ease comparison across different soft
biological tissues and tissue mimicking materials, and further, to reduce the experimental
burden.

Nie et al. [106] performed uniaxial tensile tests on porcine muscle and showed engineering
stresses in the range of 25 kPa for 20% strain. Experimentally determined stresses for
porcine muscle was ≈ 30 kPa for 20% strain obtained in the current study. Song et al.
[134] applied varying strain rates on porcine muscle tissue and showed similar stress
ranges (< 100kPa), to experimental stress values for applied strain of ≈ 40% on porcine
muscle tissue (for a strain rate of 0.007/s). These differences in stresses can be related
the influence of anatomical locations, of obtained tissue [134] as well as differences in
strain rates. Previously, porcine liver tissue was also tested in tension and compression
with strains up to 20%, reporting stress levels in the range of 10 kPa by Chui et al. [33].
Similarly, in the current study, a stress amplitude of ≈ 8 kPa stress was determined for
a strain level of 16%. These comparisons indicate a good overlap of our experimental
stresses to previous literature.

Extraction of material properties from constitutive models is commonly performed by
minimizing a target function, containing model stress and experimental stress with a
set of material parameters. Results of modelling are usually compared by means of R2

[3, 157, 169] or a root mean square error (RMSE) [33, 92, 122, 142]. R2 values are a
relative measure of fit and hence, are useful in comparing between models while RMSE
values are absolute measures of fit and are useful for comparing models to experimental
results. Thus, both measures were applied in this study.

Early literature on modelling of soft tissue was based on simple linear elastic models
[98, 150]. Later, more complex hyperelastic material models were also used in modelling
the non-linear behaviour observed in soft tissue such as in [48, 145, 81, 19, 96]. Chui et
al. [33] modelled liver tissue with a hyperelastic model and determined an RMSE in the
range of 0.047 to 0.09 kPa. Miller et al. [92] applied a strain energy based non-linear
hyper-viscoelastic model to describe monkey liver tissue with a single strain level up to
35%, reporting high model fits (R2 = 0.974 to 0.996) for varying loading speeds. Loocke
et al. [147] measured strain dependent Young’s moduli of porcine muscle tissue, modelled
as transversely isotropic, at 30 % strain with good experimental fits (R2 =0.99) and
mean prediction errors of between 3.5% and 9.5%. Linear viscoelastic models such as
the Prony series have also been applied to modelling soft biological tissue [39, 148, 159],
however, due to the complexity of soft tissue mechanical behaviour, non-linear viscoelastic
models were further required [15, 91, 70]. For example, Capilnasiu et al. [25] applied
viscoelastic adapted forms of the Mooney-Rivlin and Ogden exponential models to model
liver tissue, while Loocke et al. [149] modelled porcine muscle tissue in the framework of
the QLV model at varying strain rates, and determined errors of < 25% between model
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and experimental data.

Generally, authors focused on the strain rate dependence of soft biological tissues at a
single strain level; here however, the original AQLV model (3M4N) is applied to several
strain levels, each tested at the same strain rate. Theoretically, the flexibility of the
AQLV model should enable the variation of strain rates of a calibrated soft tissue, this
however, requires further testing to be conclusive. In the current study, the AQLV model
showed high model fits (≈ 0.98) when samples are fitted individually, however slightly
lower model fits (R2=0.90 and R2=0.86 for porcine muscle and liver respectively) were
obtained when based on the LOOCV. The LOOCV shows how well the average set of
parameters obtained from the set of specimens would predict a stress behaviour of a new
tissue sample, these values were therefore lower due to the high variations in soft tissues.
Previous studies also produced comparable individual model fits, for e.g. the QLV model
for a single level ramp-hold test by Abramowitch et al. (R2=0.99 [3]) or a neo-Hookean
based QLV model by MacManus et al. (R2=0.94)[83]. Quaia et al. [121, 120, 119] applied
both the QLV and AQLV models to eye muscles in primates. They showed that the
AQLV model provided a better fitting to experimental data but required a large number
of parameters (35) as compared to the QLV model with (8) parameters and proposed a
further extension of the models.

In this study, the AQLV model was applied as originally published and an investigation
into material parameter reduction was conducted. A reduction of the number of model
layers (M) as well as a reduction in the number of ramp-hold steps (N) for calibration
of the AQLV model was performed. Model parameters are obtained by calibrating
relaxation stresses with AQLV models. The non-linear elastic ramp fits are produced
by implementing the calibrated parameters from hold equation Eqn.3.19 into the ramp
equation Eqn.3.18, as originally described Nekouzadeh et al. [103], which serves as a form
of parameter validation. Alternatively, and for a possibly better fit, one could optimize the
non-linear elastic response directly with the ramp stresses and obtain material parameters
and response. The predictive ability of the original 3-layer (3M4N) model and ’reduced’
(2M4N , 1M4N) models were also compared qualitatively based on the R2 values. For
porcine muscle tissue, there was no significant difference between the 3-layer (0.90 ±
0.13) and 2-layer model (0.89 ± 0.15) fits (p = 0.47). The 1-layer model showed notably
poorer results (0.83 ± 0.08) however no significant difference with the original 3-layer
AQLV model (p = 0.16) was determined. Similar results are observed for porcine liver
tissue with no significant difference between the 3-layer (0.86 ± 0.10) and 2-layer (0.85
± 0.08) model fits (p = 0.44). The 1-layer model also showed poorer results (0.84 ±
0.01) but was not significantly different from the 3-layer model (p = 0.22). The slight
difference of only 1 % when adding a third layer (in muscle and liver tissue) does not
substantially add meaning to fits in terms of underlying internal processes. In contrast,
subtle differences between tissues may still be highlighted with more relaxation time
constants, but also may lead to ambiguity, as previously mentioned for a discrete QLV
model [10].

Quantitative results (RMSE) following LOOCV of porcine liver tissue indicated the
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original 3-layer model as the best fit model RMSE (0.284 ± 0.06) kPa as expected. The
2-layer model showed a RMSE (0.295 ± 0.219) kPa and the 1-layer model demonstrated
a higher RMSE (0.346 ± 0.154) kPa. No significant difference between the 1-, and 2-layer
models was observed (p = 0.45 and p = 0.26 respectively). For porcine muscle tissue the
1-layer and 2-layer models showed a relatively similar RMSE of (2.61 ± 2.54) kPa and
(2.52 ± 1.61) kPa each better than the 3-layer model values. No significant difference
however was observed between the results of the 1-layer and 2-layer models and the
original 3-layer model (p = 0.14 and p = 0.22 respectively). An overall observed poorer
performance of the 3-layer model at larger strains in the ramp phase was associated
with the cubic spline interpolation, causing a greater oscillation of the model predicted
stresses as compared to the experimental data. Hence, due to fewer parameters in the
1-layer model, the ramp prediction produces a better fit, compared to the 2-layer and
3-layer model. Since each phase (ramp and hold) are weighted equally, this offsets the
poorer performance in the hold phase of the 1-layer model. The RMSE results are more
conspicuous for porcine muscle tissue due to high stresses produced by porcine muscle
tissue, as compared to liver tissue. A reasonable compromise in terms of accuracy and
number of parameters was therefore the 2-layer AQLV model, with a total number of 14
parameters (L = 14).

The mean k1 and k2 for four samples of porcine muscle tissue tested at two strain levels
(0.2 and 0.4 global strain) (N = 2) were determined for the 2-layer AQLV model. For k1,
which has the greatest effect on the predicted stresses, values of (1370 ± 310 kPa) were
obtained for 2M2N , which were within a similar range of values calibrated at four strain
levels (N = 4) for 2M4N (1230 ± 400) and 3M4N (1020 ± 390), given a maximum i.e
greatest percentage deviation of 16.8%.There was no significant difference between values
obtained k1 values (p = 0.22). Values for k2 were however slightly underestimated for
(N = 2) (76 ± 17) kPa as compared to those obtained from (N = 4), 2M4N (120 ±
29) kPa and 3M4N (120± 34) kPa. There was a significant difference between values
of k2 obtained from a 4 step test and 2 step test (p = 0.006). This may lead to a
slight underestimation in model stresses. Notwithstanding, the reduced AQLV model
(2M2N) is able to accurately model the stress behaviour of a 2 ramp-hold experiment
with high accuracy (R2 = 0.96 ± 0.02 and RMSE =1.74 ± 0.82) kPa. The proposed
reduced-parameter AQLV model (2M2N) produces 8 parameters in total (L = 8). This
would be a reasonable compromise between accuracy of the model, number of material
parameters for comparison and experimental burden. Taken together, the AQLV model
provides a comprehensive description of both, the non-linear elastic and viscoelastic
behaviour of soft biological tissue; higher model fits are generally obtained for single strain
level model calibrations, however these models are unable to accurately describe stress
responses at varying strain levels as compared to the AQLV model. A higher accuracy is
also possible with the AQLV model, however with at the expense of a high number of
material parameters and greater experimental burden. It is noted that relaxation times
often describe short and long-term responses of internal physical processes undergone
during loading within the tissue. An example of such, would be the fast response
of collagen fibres (≈7s -100s) as well as the long-term response of other constituent
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materials such as proteoglycans [129]. However, it is difficult to specifically link these
processes to parameters obtained from the AQLV models without testing individual
tissue constituents.

To obtain commonly used material parameters, Nava et al. [101] applied the QLV model
to human hepatic tissue in vivo and obtained long term (E∞) and instantaneous elastic
modulus (E0) to be 20 kPa and 60 kPa, respectively. Estermann et al. [39] estimated
E0 for porcine liver tissue to be around 130 ± 65 kPa. However, values for the elastic
moduli of both porcine muscle and liver tissue in literature vary greatly due to variation
of anatomical locations of tissues, test protocols, maximum strains, strain rates and
whether or not optical strain measurement was used [81, 60, 32]. In the current study,
values obtained from the AQLV model for E0 for lower strains (4% − 8%) are within the
general range (E0 =33 - 58 kPa) of reported values. Interestingly, E0 was observed to
decrease with the number of Maxwell elements. Hence the response of reduced models
to an instantaneous deformation is softer in comparison to the 3-layer model. This is
unexpected, as an increase in the individual stiffness is expected in order to offset the loss
of springs from the the 3-layer model. These values are, however, based on the assumption
of linear viscoelasticity of spring damper systems and are less useful for representing the
true non-linear behaviour of soft tissue [144]. It is also noted that the values obtained
from the AQLV model, which represent the spring and dampers do not exist physically
[104], but are numerical values that enable modelling of material behaviour.

The loss tangent (tan δ) has been shown, in previous literature [38, 170], to be a more
robust material property and is more dependent on frequency or strain rate than on
strain level. It has been reported in the range of 0.07 - 0.22 for porcine liver tissue
[39, 159]. Similarly, results of approximations of loss tangents derived from current AQLV
parameters (Table 2.3) show relatively small variations with across different strain levels.
Loss tangent values for the 3-layer and 2-layer models were within a similar range (0.074
to 0.086) for porcine muscle, and in the range of (0.044 to 0.074) for porcine liver tissue.
Higher values of loss tangent are observed for the 1-layer model. One could speculate that
this may be due to the pronounced effect of the damper in the ’simpler’ 1-layer model,
however, this is conjecture without further analysis. These derived parameters are mostly
only valid for small strain levels (linear viscoelasticity) are only useful for giving rough
estimates to allow for the comparison of AQLV model parameters to existing literature.

In summary, the original AQLV model could accurately model the strain dependent
non-linear viscoelastic behaviour of porcine muscle and liver tissue. The flexibility of
the model enabled the proposal of a ’parameter-reduced’ AQLV model, with a reduced
number of parameters and a reduced experimental burden. This is especially advantageous
for comparing several different biological tissues. Further, given the large variation in
biological tissues due to age, sex and disease [82, 5, 143, 88], it is questionable if a much
higher accuracy is advantageous over the decreased experimental burden and less than
half of the material parameters of the AQLV model. This becomes especially important
when it is more important to gain both an accurate understanding of tissue behaviour as
well as a representative order of magnitude of material properties.
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2.5 Conclusion
This paper characterized the non-linear viscoelastic behaviour of soft biological tissue
(porcine skeletal muscle and liver) at physiologically relevant large strains (ε > 3%) based
on the AQLV model. Adaptations of the originally published model were made to reduce
the number of material parameters by reducing the number of layers i.e. the number of
parallel spring damper systems in the standard AQLV model as well as the number of
ramp-hold tests used for calibration. The adaptations eased the comparison of material
parameters for the different soft biological tissues (porcine muscle and liver), while still
providing sufficiently accurate modelling of their non-linear viscoelastic behaviour. In
conclusion, a reduced AQLV model (2 Maxwell layers, 2 ramp-hold phases) is able to
predict the visco-elastic behaviour of soft biological tissues with a sufficient accuracy.
Hence, this proposed reduced AQLV model will ease comparison across different soft
biological tissues in future and reduce the experimental burden associated with calibrating
the model.
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Figure 2.8: Mean ± confidence interval of equilibrium stresses (σ0) and spring constants (ki)
values of AQLV models of porcine liver. Dots represent calibrated average values connected by
cubic spline interpolations. Shadowed regions represent the 95% CI.
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Abstract
The ability of soft collagenous tissue (SCT) to withstand propagation of a defect in the

presence of a macroscopic crack is termed the ’fracture toughness parameter’. In soft
tissues not undergoing significant plastic deformation, it is purported that a considerable
amount of additional energy is dissipated during failure processes, due to viscoelasticity.
Hence the total work, measured experimentally during failure, is the sum of fracture
and viscoelastic energies. Previous authors have aimed to apply constitutive modeling to
describe viscoelastic hysteresis for fracture toughness determination with a tendency of
models to either over or underestimate the viscous energy. In this study, the fracture
toughness of porcine muscle tissue is determined using two strategies. Firstly, it was
determined experimentally by calculation of the difference in dissipated energy of notched
and unnotched tissue specimens undergoing cyclic ’triangular wave’ excitation with in-
creasing strain levels in uniaxial tension. The second strategy involved the extension and
use of the adaptive quasi-linear viscoelastic model (AQLV) to model cyclic loading (model
parameters were obtained from a previous study) and sequentially the dissipated energy
was calculated. The mean value of the dissipated energy based on the AQLV approach was
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then subtracted from the total dissipated energy of notched porcine muscle tissue samples
to determine the fracture toughness. The mean experimental viscous dissipated energy
ratio was 0.24 ± 0.04 in the experimental approach, compared to 0.28 ± 0.03 for the
AQLV model. Fracture toughness determined experimentally yielded 0.84 ± 0.80 kJ/m2,
and 0.71 ± 0.76 kJ/m2 for the AQLV model, without a significant difference (p = 0.87).
Hence, the AQLV model enables a reasonable estimation of viscous dissipated energy in
porcine muscle tissue with the advantage to perform tests only on notched specimens,
instead of testing additional unnotched samples. Moreover, the AQLV model will help to
better understand the constitutive viscoelastic behaviour of SCTs and might also serve as
a basis for future fracture toughness determination with constitutive model simulations.

keywords: viscosity, energy dissipation, fracture toughness, soft tissu, quasi-linear
viscoelasticity

3.1 Introduction
An understanding of failure mechanisms in soft biological tissue is vital in assessing
defects in a number of medical issues, such as iatrogenic rupture of fetal membranes
during fetal surgery and skin or tendons and ligaments during sporting activities or
injuries [18]. Hereby, the ability of a material to withstand propagation of a defect is
generally referred to as fracture toughness [140].

Soft collagenous tissues (SCT) have been shown to be highly non-linear viscoelastic in
their mechanical response [135, 47] and are thus capable of absorbing large amounts of
energy per unit volume with relatively low elastic moduli [140]. Hence, the process of
fracture in SCTs is often observed as a ’yawning’ of a defect upon application of a tensile
load leading to a decrease in stress concentration around the defect [166]. These processes
can be modelled as an interchange of energy between the internal strain energy of the
tissue and the irreversible fracture work done to propagate a crack through the material
[1]. Thus, energy based fracture mechanics (FM) methods are the best representative
models for such interactions [9].

Previous authors have applied linear viscoelastic fracture mechanics methods to describe
the fracture behaviour of soft biological tissues. Chin-Purcell and Lewis [31] applied
elastic and hyperelastic models to describe fracture mechanics in soft biological tissue.
The large deformation and strain rate dependency of the tissue were however only
approximated and a further analysis was proposed. Purslow et al. [115] showed the
time-dependent behaviour of fracture toughness on rat skin. A commonly used approach
was presented by Oyen-Tiesma and Cook [109] who determined the fracture resistance of
cultured neocartilage from cyclic tensile tests with notched and unnotched specimens
and determined the dissipated energy of each cycle. The work done for fracture in a
notched sample was determined from the difference of the total dissipated energy and
the predicted viscoelastic energy (from unnotched cycles). Fedewa et al. [41] also applied
a similar method but determined the viscous energy in a notched sample during cycles
where the crack did not propagate. Both methods showed that large amounts of energy
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are required to overcome dissipated energy due to viscoelasticity. Koop and Lewis [75]
showed that the Oyen method underestimates the viscoelastic energy for high strain
rates (>2.5 mm/s) and overestimates for lower strain rates and hence proposed the use
of a linear viscoelastic constitutive model to determine the ’exact’ viscoelastic energy.
The model, however, imposes an almost instantaneous drop in strain to simulate crack
propagation and employs a single time constant, which may lead to errors.

Further work done by Babaei et al. [11] showed that the hysteresis energy could be
determined using a non-linear viscoelastic model, the quasi-linear viscoelastic (QLV)
model. Babaei et al. showed the ability of the model to describe hysteresis regions
with varying strain rates. However, for the QLV model, it is known that, material
parameters calibrated at a given strain level do not fit well with changing strain levels
[114]. Furthermore, since cyclic tensile tests in a fracture toughness experiment are often
performed at increasing strain levels with constant strain rate [109], it is necessary to
implement a formulation that accounts for this loading scenario. The adaptive quasilinear
viscoelastic model (AQLV) developed by Nekouzadeh et al. [104] has been shown to
model the strain-dependent viscoelastic behaviour of soft biological tissue [120, 119, 6]
for different strain levels.

In this study, the fracture toughness of porcine muscle tissue was determined using two
strategies. Firstly, by determining experimentally the difference in dissipated energy in
notched and unnotched tissue specimens undergoing cyclic ’triangular wave’ excitation
with increasing strain levels in uniaxial tension. The second strategy involved the
extension and use of the adaptive quasi-linear viscoelastic model (AQLV) to model cyclic
loading (model parameters were obtained from a previous study [6] to determine the
dissipated energy of the ‘unnotched’ sample. The mean value of the dissipated energy
based on the AQLV approach was then used to determine the fracture toughness of
experimental (notched) porcine muscle tissue samples. It was hypothesized that the
viscoelastic energy and further, the fracture toughness parameter obtained from both
approaches are not significantly different. Hence, it was speculated that the AQLV model
can be reasonable applied to determine the dissipated energy of soft biological tissue as
well as used to determine the fracture toughness.

3.2 Methods
The current study aimed to determine the viscous dissipated energy of a soft biological
tissue at varying strain levels within the framework of the AQLV model and to thereby
determine the fracture toughness of the tissue. The material parameters of porcine muscle
tissues were determined based on incremental ramp hold experiments in a previous study
[6]. A deep description of the AQLV model is given by the original authors of the AQLV
model (Nekouzadeh et al., 2007; Nekouzadeh and Genin, 2013). Here, the AQLV model
is extended to describe constant strain rate cyclic (triangular wave) loading based on
concepts from Yang et al. (Yang and Chen, 1982) and Babaei et al. (2018) to determine
the hysteresis energy at varying strain amplitudes.
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In the current study, the AQLV model is extended to describe the deformation and
recovery half-cycle, and accounting for the strain level dependency of the model. The
stress response of the loading half-cycle (0 ≤ t ≤ T/2) and the recovery half-cycle (T/2
≤ t ≤ T) is given by:

σ(t) =

������
E0ε̇0(t) +

n∑︁
i=1

Eiτiε̇0
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, T

2 ≤ t ≤ T
(3.1)

whereby the relaxation time τi is the ratio of the dashpot coefficient bi(ϵ(t)) to the spring
constants ki(ϵ(t)), (τi = bi/ki). A brief description of the concepts used are given in
Appendix A.

3.2.1 Theory
The current study aims to determine the viscous dissipated energy of a soft biological
tissue at varying strain levels within the framework of the AQLV model and to thereby
determine the fracture toughness of the tissue. The material parameters of porcine muscle
tissues were determined based on incremental ramp hold experiments in a previous study
[6]. A deep description of the AQLV model is given in the original authors of the AQLV
model [104, 103]. Here, the AQLV model is extended to describe constant strain rate
cyclic (triangular wave) loading based on concepts from Yang et al [165] and Babaei et al.
[11] to determine the hysteresis energy at varying strain amplitudes. A brief description
of the concepts used are given in the Appendix A.

Dissipated energy

The total energy of a triangular wave cycle WT is the area under the loading half cycle,
while the storage energy i.e. elastic energy WS is the area under the unloading half cycle.
The dissipated energy WD is the area between the loading and unloading half cycles.
The ratio of the dissipated energy to the total energy is referred to as the dissipated
energy ratio (UD) as defined by Oyen et al. [109] is given by :

UD = WT − Ws
WT

= WD
WT

(3.2)

The analytical solution to determine the hysteresis energy can be determined based on
Yang et al. [165] as follows:

WD =
N∑︂

i=1
ki(ε(t))ε̇2

0τ2
i

(︃
−3 − e− T

ai + 4e− T
2τi + T

τi

)︃
(3.3)

In this study, the fracture toughness parameter Jc, which is defined as the amount of
energy required to propagate a crack in a sample is determined. For viscoelastic materials,
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a significant amount of energy is dissipated by viscoelastic processes. In the absence of
crack propagation, the dissipated energy WD is equal to the dissipated energy W v

D due
to viscoelasticity. Here cyclic loading is performed at the same strain level for several
cycles. It is assumed that for each strain level, the initial cycle dissipates energy due to
both viscous and plastic processes, hence at the final steady state, the effect of plastic
deformation is negligible. For notched samples crack propagation occurs within the first
cycle, hence most of the energy is associated with irreversible plastic deformation and
tearing. These are not directly separable and are here denoted as fracture energy WF.
Hence during crack propagation, the WD > W v

D. The fracture energy WF per cycle
n, where a crack is propagated, is the difference of the dissipated energy WD and the
dissipated energy W v

D due to viscous processes, and can be given by:

WF(n) = WD(n) − W v
D(n)

= WD(n) − (WT(n) ∗ UD(n)) (3.4)

The fracture toughness parameter Jc per cycle n, is calculated per increase in the change
in crack length Δa:

Jc(n) = WF(n)
[B · Δa(n)] (3.5)

, where B is the thickness of the sample. This typically leads to the Resistance curve
(R-curve), however, due to the relatively large thickness of the samples and distortion
in tearing through the tissue samples, determination of the crack length at each cycle
is difficult and prone to errors. Accordingly, Chin-Purcell et al. [31] showed that for
very compliant materials, the measurement of crack propagation can become unwieldy
and hence create confusion in the definition of a crack. To overcome this issue, the total
fracture toughness parameter was calculated as the sum of the fracture energy over the
total number of cycles N and the total change in crack length Δa, which is essential
the difference between the sample width and the length of the initial crack a. Hence
the single parameter fracture toughness of the tissue, Jc was calculated by the following
relation:

Jc =

N∑︁
n=1

WF

[B · ∑︁ Δa] (3.6)

3.2.2 Study Design
Material parameters of the originally published AQLV model were obtained from stress
relaxation experiments of porcine muscle tissues performed in a previous study [6].
Triangular wave excitation was applied to both unnotched and notched samples to obtain
stress strain data (8 specimens each).

The experimental stress strain curves were plotted and energies i.e. WT, WS, WD were
calculated numerically by means of the area under the curves using the numpy.trapz
function in Python 3 for both notched and unnotched samples. The dissipated energy
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ratio UD at the steady state (8th, final cycle) of each strain level of the unnotched
samples, was determined and the mean steady state UD for porcine muscle tissue was
calculated. It is assumed that for each strain level, the initial cycle dissipates energy due
to both viscous and plastic processes, hence at the final steady state, the effect of plastic
deformation is negligible

The AQLV model was extended to model triangular wave excitation as described in 3.1
& 3.3. Relaxation times τi and spring stiffnesses ki(ε(t)) as well as strains from cyclic
(unnotched) loading experiments were fed as inputs to the analytical model in Python 3.
The dissipated energy ratio UD (analytical)at the steady state (final cycle) of each strain
level was determined. A condition was placed on the model that each strain level was
modelled with a start time of 0 and hence, the entire strain history was not modelled,
instead each strain level was modelled individually. This approach was necessary to avoid
complete relaxation at later cycles in the model, which was not observable in experiments.
Material parameters were obtained from previous stress relaxation experiments [6].

8 unnotched samples were tested and the dissipated energy in each cycle was calculated
and the average UD over all samples was obtained. 8 additional samples were notched
and tested in cyclic loading. The dissipated energies displayed in 3F are of a typical
notched sample test. To obtain the fracture energy of each individual notched sample,
the average UD from the unnotched sample was applied to each cycle to obtain the
fracture energy. The total remaining energy was then summed up over all cycles to obtain
the total fracture energy per sample. The porcine muscle tissues in these previous tests
(ramp-hold) were preconditioned by allowing samples to relax for 300s prior to testing,
while current cyclic samples were preconditioned in a cyclic manner as done previously
[109].Also, although porcine muscle tissue was taken from the same muscle region (M.
longissimus), specimens for these experiments were ultimately from different animals.
Therefore, peak stresses obtained with the AQLV model were scaled to experimental
stresses to overcome differences due to tissue variation and tissue preconditioning. Since
both loading and unloading stresses are scaled by the same value, no effect is noted on
the ratio of energies.In this engineering stresses and strains are used in order to simplify
the study.

3.2.3 Sample Preparation

Whole porcine skeletal muscle (M. logissimus) were obtained fresh from a local abbattoir.
Porcine skeletal muscle samples were sliced (see Figure 3.1), into rectangular 75 · 20 · 5
mm3 (L ·B ·T ) samples as described previously by Estermann et al. [40]. Specimens were
stored in a physiological saline solution (9 g/l NaCl) at room temperature immediately
after incision, until testing, to ensure hydration. A total of 16 porcine muscle specimens
(8 samples for unnotched and 8 for notched testing) were tested experimentally.
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Figure 3.1: Study design showing the work-flow of experimental and analytical (AQLV) modelling
approaches applied in this study. Porcine muscle tissue (M. longissimus) is tested in incremental
ramp-hold tests in uniaxial tension to determine the AQLV material parameters as well as
with triangular wave excitation to determine the hysteresis (dissipated) energy for notched and
unnotched samples.

3.2.4 Mechanical Testing

Experiments were carried out using an electro-mechanical test machine (Zwickiline Z2.5,
Zwick Roell GmbH, Ulm, Germany) in combination with a 100 N load cell (S2M HBM,
Freiburg, Germany) operated at 10 Hz. A high resolution camera (Sony α-6400, Sony,
Tokyo Japan) was used for optical video recording at 1 Hz.
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White dot markers (GOM, Braunschweig, Germany) were placed slightly below the upper
clamped region and above 15 mm from the bottom end to avoid bell ends and to ensure
that the gauge area was vertical. These were used for strain tracking analysis with
a point tracking algorithm described previously by Frank et al. [45] (see Figure 3.1).
Effective gauge length was approximately 40 mm for both tissue types. Specimens were
subsequently clamped on both ends. Cyclic loading tests were performed on rectangular
specimens following a preconditioning phase. Preconditioning was performed for all
cyclic tests by loading samples cyclically to peak strain amplitudes between 0.04 and
0.20 and then allowing the sample to relax for 300s. Eight unnotched specimens each
were tested under cyclic loading. For fracture toughness determination, 8 additional
unnotched specimens were preconditioned similarly, after the relaxation phase, notching
was performed with a No. 11 B3 scalpel and an incision of approximately 12 mm was
made in the sample. Cyclic loading was performed with peak strains ranging from
0.04 to 0.36 for notched samples as these required higher displacements to enable crack
propagation.

3.2.5 Stress and strain determination

Actual sample strains were obtained via digital image correlation (DIC). Hereby, the
position of the markers is tracked over time and the relative displacement between the
marker positions at the top and bottom is determined. In this study, engineering stresses
and strains from digital image correlation (DIC) are used in order to simplify the study.
Hence, engineering strain is computed as:

ε(t) = l(t) − l0
l0

(3.7)

where l0 is the initial length (at zero-force) and l(t) the actual length of the tissue. The
uniaxial linear engineering stress (σ) is calculated from the axial measured force (f) and
the cross sectional area (A0 = B · T ), measured with a caliper (prior to testing) and
averaged at 3 positions, using the following equation:

σ(t) = f(t)
A0

(3.8)

3.2.6 Statistical analysis

Statistical significance was determined between the experimentally determined and
analytically determined dissipated energy ratio UD using the Mann-Whitney U test for a
significance level of α = 0.05 implemented in Python 3.7.
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3.3 Results
3.3.1 Experiment
Stress-strain-time behaviour under cyclic loading

Plots showing the averaged (black) and standard deviation (gray) of stresses obtained
during unnotched cyclic loading of porcine muscle tissue specimen is shown in Figure 3.2.
Viscoelastic relaxation i.e. Mullins-type softening [99] of the stresses over time with each
cycle at each increasing strain level is observed. A more pronounced stress relaxation
behaviour is observed at higher strain levels (see Figure 3.2B).

A B

Figure 3.2: Plots showing the averaged (black) and standard deviation (gray) of the A) stress-
strain B) stress-time response of uniaxial tensile test of porcine muscle tissue over all 8 specimens
and 4 strain levels.

Viscous dissipated energy

The stress strain curves of a representative unnotched porcine tissue sample is shown
Figure 3.3A. The energy distributions per cycle for each representative specimen, showing
a decreasing trend in energy at a given strain level for the unnotched samples, is
shown in Figure 3.3B. The dissipated energy ratio UD for the unnotched samples shows
quantitatively the observed larger hysteresis energy in the initial cycle of each incremental
strain level (see Figure 3.3C), which is referred to as the ’transient state’ [144], followed by
cycles with increasing compliance up to the ’steady state’ where no significant differences
in hysteresis regions can be observed.

Fracture energy

The stress strain curve of a representative notched sample is shown in Figure 3.3D. Crack
propagation is clearly observable by the jagged response of the stress strain curve in
several cycles as compared to the smoother response of the unnotched sample in Figure
3.3A. The energy distributions WT, WS, WD are calculated similarly for the notched
tissue sample as for the unnotched sample where crack propagation is observable in cycles
with a general increase in the dissipated energy WD (see Figure 3.3E). Sequentially, UD
of the notched samples are larger describing regions of crack propagation. Initial cycles,
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Figure 3.3: Results of representative porcine muscle tissue samples showing the stress-strain
response with inherent hysteresis behaviour of A) unnotched D) notched sample. The distribution
of distribution of total energy WT, storage energy WS and dissipated energy WD in B) unnotched
and E) notched sample as well as the dissipated energy ratio UD for the C) unnotched sample
showing the initial transient state and final steady state and F) notched samples.

show the largest energy dissipation at each strain level, are marked in red, and final
cycles are marked in blue for differentiation (see Figure 3.3F).
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3.3.2 Analytical solution

AQLV model Paramters

Average material model parameters were obtained from calibrating the adaptive quasi-
linear viscoelastic model (AQLV) using incremental ramp-hold uniaxial tensile experiments
on 8 porcine muscle specimens individually from a previous study [6]. The determined
strain-dependent material parameters i.e., relaxation times τi, residual stress σ0 and
dynamic stiffness parameters ki and standard deviation are provided in Table 3.1.

τ1/s τ2/s τ3/s
10 ± 7 88 ± 54 840 ± 442

εn σ0 k1/kPa k2/kPa k3/kPa
0.06 2.0 ± 1.5 220 ± 100 22 ± 7.2 10 ± 2.7
0.13 8.0 ± 4.8 650 ± 310 76 ± 44 41 ± 14
0.20 13 ± 5.0 1020 ± 390 120 ± 34 69 ± 16
0.26 20 ± 6.3 1570 ± 790 180 ± 38 95 ± 22

Table 3.1: Mean ± standard deviations of time constants τi, spring constants ki, for each strain
level εn of AQLV model for porcine muscle.

AQLV cyclic load prediction

The AQLV model was extended to model the loading and unloading stress response. Hence,
the hysteresis area and the dissipated energy of porcine muscle tissue was determined,
based on model parameters obtained from stress relaxation experiments. The mean
stress-time results obtained using the average AQLV model parameters are shown in
Figure 3.4A at each steady state strain level with standard deviation (blue) superimposed
over the mean experimental stress-time curves. A detailed view of each steady state cycle
is shown in Figure 3.4B-F for clarity. Rescaling of peak stresses produced a mean factor
of ≈ 2.8 with the exception of the first 2 (4% and 8%) strain levels with a mean factor of
≈10, likely due to the larger effect of residual stress parameters on peak stresses.

A plot of the distribution of experimentally derived UD(exp) across all samples over all
cycles is shown in Figure 3.5A. A slight increase in the dissipated energy ratio is observed
with increasing strain level. At each strain level, the initial UD the ’transient’ state is
clearly observed to be higher with a decreasing trend to the final ’steady state’ cycle. A
relatively stable value for the steady state can be observed with only a slightly increasing
trend in strain level for porcine muscle tissue. The distribution of the steady state UD

values of each steady state (final) cycle per strain level, is shown in Figure 3.5B for the
experimental and AQLV approach. The mean dissipated energy ratio obtained from
experimental stress strain curves was determined to be 0.24 ± 0.04, whereas the mean
dissipated energy obtained from the AQLV model 0.28 ± 0.03 with an overestimation of
UD by an average of 16%. The dissipated energy during the notched cyclic loading tests
per cycle for all tissue samples is shown in Figure 3.5C.
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A B

C D

E F
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F

Figure 3.4: Mean AQLV model stress (red) and standard deviation (blue) of the steady state
(final) cycles superimposed over experimental mean stress (black) and standard deviation (gray)
A) over the entire cycle and B-F) at each steady state for clarity.

3.3.3 Fracture Toughness

A single fracture toughness of porcine muscle tissue (per specimen) was determined based
on the dissipated energy ratio obtained from experiment as well as AQLV modeling. The
mean fracture toughness obtained from experimental approach was 0.84 ± 0.80 kJ/m2

and from the AQLV model approach 0.71 ± 0.76 kJ/m2.

Although the distribution of UD obtained from the experimental and AQLV approaches
are significantly different (p=0.002), the effect of applying the mean value to determine
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fracture toughness over several cycles and over varying tissues is not significant (p=0.87)
(see Figure 3.5D).

A B

C D

Figure 3.5: Box-plot showing the statistical distribution of A) Experimental dissipated energy
UD over all unnotched samples per cycle and B) Plot of experimental and AQLV model UD. C)
UD of notched samples per cycle D) Fracture toughness obtained from calculation.

3.4 Discussion
In this study, the ability of the AQLV model to determine the viscous dissipated energy
(hysteresis) of porcine muscle tissue with increasing strain levels was investigated. The
obtained viscous dissipated energy ratio UD of the model was compared to that of
experiments. Fracture toughness was determined using both analytical and experimental
measures. It was found that the viscoelastic dissipated energy could be modelled using
the AQLV model and further, that the fracture toughness parameter obtained from both
approaches was not significantly different.

For a given strain level, relaxation of peak stresses is observed with each proceeding
cycle, known as the characteristic Mullins-type softening [99, 100] (see Figure 3.2B). A
corresponding reduction in UD is also observable until differences in UD for subsequent
cycles at a strain level are negligible. Hence, for each strain level, there is a change of
viscous behaviour from the initial ’transient’ cycle to the ’steady-state’ cycle.

For a given strain level, the relaxation of peak stresses is observed with each proceeding
cycle (see Figure 3.2B). A corresponding reduction in UD is also observable until differences
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in UD for subsequent cycles at a strain level are negligible. Hence, there is a change of
viscous behaviour from the initial ’transient’ cycle to the ’steady-state’ cycle per strain
level, known as the characteristic Mullins-type softening [99, 100]. The steady state value
of UD, over all strain levels, remained relatively constant, for a given strain rate and can
hence, be considered a material constant. The mean experimental UD calculated was 0.24
± 0.04. The mean UD determined from the steady state AQLV model was 0.28 ± 0.03,
a mean deviation of ≈ 16%. There is a significant difference between the distribution
of the model and experimental UD (p = 0.002), however, the mean dissipated energy
predicted by the AQLV model is within a reasonable range of the experimental results.

Previous authors have also applied varying models to describe the hysteresis energy in soft
biological tissues. Best et al. [15] applied the QLV model to describe the hysteresis energy
based on parameters obtained from the stress relaxation experiments. The dissipated
energy ratio was determined experimentally for a rabbit muscle to be ≈ 0.4, however, the
QLV model underestimated this value by ≈ 30%. The elastic response of the QLV model
also did not describe the experimental behaviour of the experimental stresses accurately.
Best concluded that the QLV model can model the structural response of muscle tissue,
however with differences in the elastic behaviour.

Babaei et al. [11] applied the QLV model to describe cyclic loading in engineered
tissue constructs and showed a relatively high viscous damping in the tissue constructs,
depending on strain rate. The material parameters were obtained by directly fitting
the QLV model on experimental results of cyclic loading, producing better model fits
with data as compared to Best et al. [15]. Nava et al [102] also performed cyclic loading
on bovine liver tissue and modelled the response in the framework of the QLV model.
They noted however, that the QLV model fails to model the evolution of the model from
’virgin’ to preconditioned state and hence the modeling of the Mullins-softening with the
QLV model required additional modification i.e., the introduction of a softening variable.

As described in the aforementioned studies on QLV models, the AQLV model also fails to
accurately predict triangular loadingunloading, if material properties are obtained from
ramp-hold data (see Fig. 3.4).The deviation is observed to be larger during the loading
phase than in the unloading phase, explaining the larger UD, compared to experiments.
Furthermore, although the AQLV model is able to model the strain history dependent
behaviour i.e. the Mullins-type softening at a single strain level it was necessary to impose
the condition that each strain level begun at time 0, to account for this effect at every
strain level. Hence the full strain history of the experiment is not taken into consideration
and each strain level is modelled individually. The material parameters of the model
were obtained from previous incremental stress relaxation experiments and resulting peak
model stresses had to be scaled by peak experimental stresses per strain level. A full
relaxation of the sample between strain levels would be ideal. However, it is observed
that following the peak stresses of each cycle for a given strain level showed a relaxation
behaviour to a steady state. We observe that the model reset for each strain level showed
a much better fit to the repeated cycles when set to each new strain level, due to this
relaxation behaviour being sufficient. However, the peak stresses are not accurate since
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they do not take that strain history into consideration. This is a limitation of the study
and should be improved in future work. An additional cause may be attributed to the
differences in preconditioning of the porcine muscle tissue as well as variations in the
tissue samples due to age or sex of the animal. Theoretically, preconditioning is usually
performed to overcome the effects of tissue handling or cutting. However, Carew et al.
[26] showed that the preconditioned state of a tissue is not unique but a function of the
strain history. Stress relaxation experiments were preconditioned by allowing samples
to hang under its own weight for a period of 300s as performed by previous authors
[69, 40].In contrast, for cyclic loading experiments, cyclic preconditioning was performed
as described previously [47, 52].
These factors may therefore lead to deviations in the determination of peak stresses with
the AQLV model. An alternative is to calibrate the material parameters of the AQLV
model directly on triangular wave cyclic loading stress results.
Fracture toughness of porcine muscle tissue in this study is calculated using the mean UD
of both approaches. The fracture toughness determined from the experimental approach
was 0.84±0.80 kJ/m2 and from the AQLV model approach 0.71 ±0.76 kJ/m2. Hence
applying the mean value of UD from both approaches produced fracture toughness results
within the same order of magnitude with no significant difference (p=0.87). Sequentially,
the proposed method might be reasonable used to determine the fracture response of
other soft biological tissues.
In a study by Mayumi et al. [? ], a similar approach consisting of using unnotched and
notched samples to determine the fracture energy was used. Here bulk dissipation was
separated from fracture energy in polymeric samples. The bulk dissipation is attributed
to the viscoelasticity resulting from the breaking/healing of irreversible crosslinks of
hydrogels. In this study, a special focus was placed on the change in fracture energy
with varying loading rates. Our study did not consider the effect of strain rate on the
fracture energy due to complexity but focuses on the use of increasing cyclic loads. Here
cyclic loading is performed at the same strain level till a ‘steady state’. This steady state
should have negligible energy dissipation due to plastic processes, leaving the viscous
dissipation energy. In our study, we purport that the estimated fracture energy contains
both crack propagation energy and plastic energy.
Fracture toughness or tearing energy of various soft tissues has been investigated in a
variety of previous studies. However, due to variability of test sample size, width and
crack length and mode of fracture, all of which have been shown to have significant effect
of fracture toughness measurements [140, 139], direct comparisons are often difficult. For
example, Bircher et al. [17] noted that the fracture toughness of the tissue is related to
the collagen fibre content. Bircher et al. [18] applied the term apparent tearing energy to
describe fracture toughness in collagenous tissue samples due to its high dependence on
initial sample length and determined tearing energy for bovine Glissons capsule (GC) to
be 0.45 J/m1 and for a collagen type 1 material (CCC) 0.021 J/m1. Taylor et al. [140]
determined an apparent toughness of 2.49 kJ/m2 for porcine muscle tissue with tissue
thickness ranging from 4 to 18 mm, whereby showed that the fracture toughness was
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higher for smaller specimen dimensions. Chin-Purcell and Lewis [31] reported 0.14 and
1.16 kJ/m2 for the measured fracture toughness of varying grades of articular cartilage.
Based on this previous literature, results obtained in this study, 0.71 and 0.84 kJ/m2, are
within reasonable range for porcine muscle tissue and variations in toughness parameter
for porcine muscle tissue are likely due to variations in location of tissues as well as
dimensions of the specimens, age and sex of the animal [83].

3.5 Conclusion
In spite of the limitations, the AQLV model enables a reasonable estimation of the viscous
dissipated energy in porcine muscle tissue at incremental strain levels. This in turn enables
fracture toughness determination of tissue samples in a reasonable order of magnitude.
Future work should, however, focus on optimizing the model parameters for a given tissue.
This will enable usage of the AQLV model across varying testing scenarios and loading
protocols. This knowledge will help to better understand the constitutive viscoelastic
behaviour of SCTs and also enables replacement of testing unnotched specimens for
fracture toughness determination with AQLV model simulations.

Appendix A. Theory
The foundation of this study was built up based on some fundamental concepts proven
by previous authors. The concepts are described shortly and arranged in logical order to
enable easy tracking.

• Tschoegl et al. [144] proved that the net energy stored over a loop in a steady state
triangular pulse, i.e. an excitation with constant strain rate ε0̇ in the deformation
half-cycle (0 ≤ t ≤ T/2) and −ε0̇ in the recovery half-cycle (T/2 ≤ t ≤ T ) is zero,
where T is the total time of a single pulse. Hence, only in the steady state, the area
of the hysteresis loop i.e the energy of the loop Whys represents the total energy
dissipated in the material. Essentially for the following given relations in a single
steady state pulse, the deformation half-cycle, the total energy WT is given by :

WT =
∫︂ T/2

0
σ(t)(ε̇0)dt (3.9)

where σ(t) is the stress response with time. For the recovery half-cycle, the recovery
energy i.e. storage energy WS is defined as:

WS =
∫︂ T

T/2
σ(t)(−ε̇0)dt (3.10)

and hence the hysteresis area is given by:

Whys = |WT| − |WS|
=

∫︁
σ(t)ε0̇dt

(3.11)
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for the steady state, no net energy is absorbed over a complete cycle (see [144] for
details), hence, the dissipated energy WD is essentially:

WD = Whys =
∫︂

σ(t)ε0̇dt (3.12)

• Yang et al. [165] discussed the stress response and energy dissipation of a linear
viscoelastic material under isothermal periodic constant strain rate loading (trian-
gular wave) for arbitrary times. The relation is applied to the generalized Maxwell
model which has a continuous relaxation function (G(t)) described by :

G(t) = Ge +
∫︂ ∞

−∞
G(τ)e−t/τ d ln τ (3.13)

where τ is the relaxation time, G(τ) designates the relaxation modulus and Ge

represents the equilibrium modulus. Hence, for periodic strains of a triangular
wave applied at arbitrary times, i.e. the loading and unloading ramp strains can be
described by the following relations (as described by Yang et al. [165], the actual
notation is adapted from Babaei et al. [11]):

ε(t) =
{︄

ε̇0t = 2ε0
t
T , 0 ≤ t ≤ T

2
ε̇0(T − t) = 2ε0

(︁
1 − t

T

)︁
, T

2 ≤ t ≤ T
(3.14)

The stress response corresponding to the deformation and recovery half-cycles for a
generalized Maxwell model for a sufficiently fast viscoelastic relaxation in which
the material does not slack, the stress response can be given by:

σ(t) =

������
E0ε̇0(t) +

n∑︁
i=1

Eiτiε̇0
(︂
1 − e(−t/τi)

)︂
, 0 ≤ t ≤ T

2

E0ε̇0(T − t) +
n∑︁

i=1
Eiτiε̇0

(︄
2e

(︂
T −2t

2τi

)︂
− 1 − e

(︂
− t

τi

)︂)︄
, T

2 ≤ t ≤ T

(3.15)
where E0 is the elastic modulus of the solitary spring in the generalized Maxwell
model and Ei elastic moduli of the springs in combination with dampers. The first
term of the relation describes the equilibrium state of the stress response.

• Nekouzadeh et al.[104, 103] proposed the adaptive quasi-linear viscoelastic mode
(AQLV) to overcome the inability of the Fungs QLV model, once calibrated at a
specific strain level, to accurately describe the viscoelastic stress response at other
strain amplitudes. The AQLV model is a constitutive model that relates stress σ
to strain ε via a simple multiplication between the viscoelastic strain V (ε)(t) and
a pure non-linear function of strain k(ε(t)). The AQLV model can be interpreted
as a generalized Maxwell model with non-linear springs and dampers, specifically
if exponential shape functions are chosen to describe the relaxation function gi(t).
The AQLV model is given by :
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σ(t) = k
(︂
ε(t)

)︂
V (ε)(t) (3.16)

V (ε)(t) =
∫︂ t

−∞
g(t − τ)ε̇(τ)dτ (3.17)

where gi(t) = e−t/τi to represent the model in terms of parallel Maxwell elements,
whereby the relaxation time τi is the ratio of the dashpot coefficient bi(ε(t)) to the
spring constants ki(ε(t)), ( τi = bi

ki
). Hence, the ramp stress response σR(t) of the

AQLV model is described by :

σR(t) = σ0(ε(t)) +
M∑︂

i=1
ki(ε(t))ε̇0τi(1 − e−t/τi), 0 ≤ t ≤ T/2 (3.18)

where T/2 here refers to the time at the end of the ramp phase during a ramp-hold
experiment.

• Babaei et al. [11] showed that the stress response of soft biological tissues under
triangular wave excitation can be determined for various constant strain rates
(2s, 20s, 200s) based on a quasi-linear viscoelastic (QLV) model. This shows that
the quasi-linear viscoelastic framework can be applied to determine the energy
dissipation in a viscoelastic material. The formulation is not the focus of this study
and hence is not provided (see [11] for details).

• In the current study, the AQLV model is extended to describe the deformation and
recovery half-cycle, and accounting for the strain level dependency of the model.
For the applied strains in Equation 3.14.

σ(t) =

����������������

σ0(ε(t)) + ε̇0
n∑︁

i=1
ki(ε(t))τi

(︂
1 − e(−t/τi)

)︂
,

...0 ≤ t ≤ T
2

σ0(ε(T − t)) + ε̇0
n∑︁

i=1
ki(ε(t))τi

(︄
2e

(︂
T −2t

2τi

)︂
− 1 − e

(︂
− t

τi

)︂)︄
,

...T
2 ≤ t ≤ T

(3.19)

Hence, the analytical solution to determine the hysteresis energy can be determined from
the following analytical solutions Equations 3.9- 3.11 as follows:

WD =
N∑︂

i=1
ki(ε(t))ε̇2

0τ2
i

(︃
−3 − e− T

ai + 4e− T
2τi + T

τi

)︃
(3.20)
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Abstract
The prevalence of medical errors during surgical procedures has led to a higher emphasis
on improving surgical outcomes, by improving surgical planning and training. Anatomical
models have become valuable tools for preoperative planning and current 3D printed models
strive to better match real soft biological tissues. This study aimed to develop novel 3D
printed material composites with controllable mechanical properties that mimic soft tissue.
Concepts of microstructuring, fiber reinforcement and fluid infill in extrusion-based 3D
printing are combined to design tunable materials towards target tissues of porcine muscle
and liver. Material characterization was performed in triangular wave cyclic experiments
under uniaxial tension with increasing displacements. Hereby, initial EI and final EII
elastic moduli were evaluated. Further, the viscous response was characterized by the
dissipated energy ratio UD and suture retention strength (SRS) was determined by single
tensile pull-out tests Elastic moduli of printed materials were successfully tuned to 510 ±
10 kPa, closely resembling porcine muscle with 580 ± 150 kPa. The dissipated energy
ratio UD of the silicone was increased from 0.09 ± 0.01 to 0.46 ± 0.17 by addition of
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gyroid infill and viscous fluid. Suture retention strength (SRS) for porcine liver tissue
was 1.64 ± 0.42 N, while that of 3D printed silicone showed a mean SRS of 5.1 ± 0.6
N. Although the exact properties of porcine muscle and liver tissue require finer tuning,
this study established techniques for refinement of 3D printed tissue-mimicking materials,
ultimately enabling more accurate models for surgical rehearsal.

4.1 Introduction
Recently, it has been suggested that ’medical errors’ lead to a mean death rate of about
250,000 patients each year in the United States alone [86]. Hence, a higher emphasis
has been placed on reducing patient mortality through improved surgical planning and
training. The use of anatomical models in research, teaching and surgical rehearsal has
therefore risen significantly in the past few decades [46].

Advancements in medical imaging technology have led to the emergence of higher resolu-
tion, non invasive imaging methods. Although these techniques are increasingly capable
of capturing more intricate details of the anatomical structures within a patient’s body,
a two-dimensional portrayal of anatomy can obscure the complex spatial relationships
between tissues [87]. 3D virtual models help here to visualize organs structures and en-
hance visualization and communication, they however, lack the tactile feedback necessary
for surgical rehearsal and practice. Producing a 3D physical model of an individual’s
organ can significantly improve this aspect, offering a more tangible approach for medical
professionals [116]. The advent of additive manufacturing, commonly referred to as 3D
printing, along with improvements in image processing, has enabled complex patient-
specific physical anatomical models to be developed [12, 123]. The use of 3D printed
models has been shown to significantly improve the quality of pre-operative planning in
terms of key feature identification, implant customization and intra-operative guidance
and even patient communication [163, 154].

3D printed anatomical models have been implemented in many surgical fields [66]. In the
field of neurosurgery, surgeries in the brain and spinal regions often require a high degree
of accuracy [137]. 3D printing has been applied to creating various anatomical models,
such as of a cerebral aneurysm using ABS and photoresins by Scerrati et al. [127] and
more recently, neonatal anatomical model by Wagner et al. [153] using polyjet technology.
In other fields, such as in Urology, resin printed prostate tumor models from Shin et
al. [130] and Wang et al. [158] serve as additional examples. Other fields of medicine,
where anatomical models have made an impact include cardiology [62, 51, 146, 152, 89],
pulmonary medicine [58, 37, 59], hepatology [168, 50] and abdominal surgery [34, 132, 136]
among others. The materials often used in these research papers, tend to be stiffer and
less compliant than real soft biological tissue.

This led to the use of softer more compliant materials such as silicone and hydrogels
[36, 77, 79], often combining indirect method such as molding, casting or injection with 3D
printing [66]. Models of blood vessels are created by applying 3D printing to a sacrificial
part which is later melted or dissolved away to create hollow structures [124, 78]. Maddox
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et al. [84] created 3d printed renal units using multi-jet 3D printer to form the outer shell
of the renal tissue and injected agarose gel solution into the inner cavity of the model in
order to model more realistic patient-specific renal malignancies. Ishii et al. [61] created
patient-specific liver model composed of 3 separate parts by firstly directly 3D printing
blood vessels and shell of the liver and then printing the mold, followed by molding the
parenchyma with soft polyurethane resin. The aim of these studies have been primarily
to ensure that the mechanical properties of anatomical models are in the same order of
magnitude as the target soft tissues. This is a clear trend showing the importance of
the tactile response properties of anatomical models for surgical rehearsal. Although
these combined direct and indirect methods tend to exhibit overall more realistic tissue
behaviour, the mechanical properties of combined casted and 3D printed parts may be
difficult to characterize accurately with conventional testing methods. Also the material
properties created are often not easily tunable to better match other use cases.
Here, we propose a methodology for the creation of anatomical tissue models with tunable
and measurable mechanical properties. The approach involves direct 3D printing of
two types of silicones in combination with standard fused deposition modeling (FDM)
printing. Tissues are printed with a controllable microstructure or ’infill’, to tune the
material’s stiffness and viscous properties. A novel concept was applied to increase the
material’s viscous response under uniaxial cyclic loading by introducing a fluid silicone
oil with high viscosity into the matrix of the designed sample. Additionally, stiff wavy
fibres were printed directly into the matrix of the samples to tune the material’ elastic
response to a more non-linear responsetypical of soft tissue. This study is novel in
that it combines fibre reinforcement, microstructuring and fluid infill in extrusion-based
3D printed materials to produce tunable tissue mimicking materials for the creation of
anatomically accurate surgical rehearsal models.

4.2 Methods
4.2.1 Theory
Target tissues were selected to be porcine liver and porcine muscle as reference mechanical
properties and due to the readily availability of these tissues for testing. Hepatic tissue
is regarded as being homogenous and isotropic and one of the softer biological tissues[29]
and hence served as a lower boundary of target tissues. Muscle tissues have been shown
to be in the upper range of soft biological tissue stiffnesses,[134, 43, 6] and hence serve
as the upper boundary of target tissues.
The main approach employs 3D printable condensation-crosslinking single component (1K)
silicone materials as a base material for the tissue mimicking material (TMM). Addition of
microstructuring or infill enables the control of material stiffness [53] and may introduce
some viscoelastic responses [65, 4]. Elastomers display linear stress strain behaviour in
the range of surgical manipulation (10% to 25%), whereas soft biological tissues have
a non-linear stress-strain relationship [156]. Hence, a technique to introduce the strain
softening behaviour of soft biological tissue into linear elastic polymer is the inclusion
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of wavy fibre reinforcement in the matrix of the material, as seen in previous literature.
This creates a controlled mismatch, such that the material stiffness is dominated at lower
strains by the matrix and higher strains by the stiffness of the fibres [57, 160, 155, 49].
Soft biological tissues have been shown to have higher energy absorption .i.e. larger
hysteresis under cyclic loading [7, 42] as compared to elastomers.Here, novel approach
was developed to include silicone oil as a filler fluid is employed to increase the elastomers
viscosity. In total, four major specimen groups were created and tested: Soft biological
tissue, base silicones, i.e., with unaltered material properties, fibred samples and tuned
samples. Three samples per specimen group were tested for repeatability and mean
results with standard deviation are reported.

Elastic Stiffness tuning

Elastic tuning to change the non-linear elastic behaviour of the samples was performed
by incorporating stiffening fibres into the silicon matrix. Wang et. al [155, 156] as well
as by Garcia et al. [49] showed that the non-linear response of base polymeric materials
can be tuned to achieve strain stiffening behaviour by embedding stiff wavy fibres in the
soft polymeric material, given that these structures have the right design parameters.
During loading the stiffer wave fibres are engaged once fully stretched and produce an
increase in stiffness at a given strain range. This inflection region is characteristic of a
given soft tissue that mimics the effect of collagen fibres within the soft tissue [161]. The
increase in stiffness is dependent on the stiffness of the fibre, while the inflection region is
based on the wavelength of the embedded fibres. In order to reduce the general stiffness
of the material, the study focused on both the initial EI and final EII elastic moduli.
The overall stiffness was lowered by introducing an infill pattern whilst printing, also
reducing the overall material mass.

Viscous behaviour tuning

It has been shown that an increase in fluid content in soft biological tissue corresponds
to a faster rate of relaxation and hence an increase in the dissipated energy [30, 16].
Viscous tuning aims to increase the energy dissipation by the tissue mimicking material
under cyclic loading. To achieve this, a high viscous fluid, PDMS oil is introduced to the
polymeric matrix to introduce a dampening effect.

Suture Retention Test

The suture retention strength (SRS) as defined by the AAMI/ISO/ANSI 7198 Standard
(2016) as the anastomotic strength or "the force necessary to pull a suture from a prosthesis
or cause failure in the wall of a prosthesis". Mine et al [93]showed that, depending on the
breakage pattern for a biological tissue, a break starts much earlier than the maximum
suture retention strength (SRS), this is referred to as the breaking start strength (BSS).
The influence of the test design has been shown to also have a marked effect on the
results of the suture retention test and hence test parameters were chosen with special
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care considering the effect of suture bite size [141], location and suture size [110] and
clamping [13].BSS and SRS of porcine liver tissue and a 3D printed sample were assessed
in the current study.

4.2.2 Sample Preparation

Multi-material 3D printer

Samples were created using a custom-made multi-material 3D printer capable of printing
two highly viscous fluids as well as a filament extrusion. The printer was developed using
a modified Railcore II 300 ZL open-source 3D printer system with an extrusion-based
extruder printhead composed of a Vipro-HEAD 3/3 two-component printhead (Viscotec
GmbH, Toging am Inn, Germany). This enables processing two single-component silicones,
or a two-component silicone in combination with a standard E3D V6 FFF printhead
for depositing thermoplastic filaments (see Figure 1). A customized printing nozzle was
designed to enable the use of various printer nozzle diameters.

Figure 4.1: Custom-made multi-material 3D printer with a 2 component ViproHead printhead
(Viscotec GmbH, Toeging am Inn, Germany) capable of printing in combination with standard
E3D V6 FFF printhead.

The silicone printing nozzle is connected to the outlet of the extruder through a Luer-
thread and is secured against unscrewing with a retainer part. These white Luer-adapters
and retainers were custom-made for the extruder. A nozzle with 0.4 mm outlet diameter
was selected for silicone extrusion. The original E3D V6 FFF printhead on the other side
of the carriage is capable of melting and depositing thermoplastic filaments through a 0.4
mm diameter nozzle (see Figure 1). Accuracy of the 3D printed models was considered
in terms of recommendation made in previous publication by Jaska et al. [63, 64] with
regards to aspects such as recommended wall thickness, slenderness ratios, bridging
lengths and overhang angles.
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Materials

To create tissue mimicking specimens, three main material components were required.
A 3D printable base material, a stiffening material component to mimic the strain
stiffening effect of soft biological tissue, and a viscous fluid-like component for the tuning
of viscoelastic mechanical properties.

Four single-component high viscosity, condensation-crosslinking liquid silicone rubber
Elkem AMSil20101, AMSil20102, AMSil20103, AMSil20104 (Elkem Silicones SAS, Lyon,
France) were tested for use as a base matrix. The selection was made primarily based on
the ease of printability and curing of the material as well as the Elastic moduli of the
silicones. To enable elastic tuning, two printable stiffer material components were tested.
A standard polylactic Acid (PLA) fibre (Material4Print GmbH & co. KG, Loehne,
Germany) and a more flexible Thermoplastic Urethane (TPU) filament, Varioshore
Natural (ColorFabb B.V. Belfeld, Netherlands), each filament with a standard 1.75
mm diameter. The latter was printed at 210° C to activate the foaming expansion
to decrease the fibre stiffness. For viscous tuning, a high dynamic viscosity (100 Pas)
Polydimethylsiloxane (PDMS) oil (Optimal Products GmbH, Bad Oeynhausen, Germany)
was selected as a fluid filler material. Additionally, the PDMS oil was mixed with 1
w/w% Silc Pig “Blood” paint (Smooth-On Inc., Macungie, PE). It was assumed that this
coloring additive does not have a significant effect on the overall mechanical behavior of
the PDMS oil, due to negligible weight amount. It was hypothesized that the fluid like
nature as well as the inherent viscosity of the PDMS Oil would significantly increase the
overall viscous response of the designed material.

Sample design

In this study, soft biological tissues, porcine muscle and liver tissue were prepared into
rectangular shape 70 mm x 20 mm x 5 mm thick samples as previously described in [6]
for cyclic uniaxial testing (see Figure 4.2 A). Initial tests were conducted on base silicone
materials (Elk01, Elk02, Elk03, Elk04) as well as fibre reinforced samples (Elk01LF,
Elk01MF, Elk01HF) using Type I dogbone samples in accordance with ASTM Standard
D638-14 as shown in Figure 4.2.

Tuned concept specimens (G30, G30Fib, G30Flu, G30FibFlu) were designed based on
the results of preliminary tests (see Table 4.1 for a description of all designed samples).
In order to create cavities for the fluid infill, and prevent fluid loss during testing, the
samples required an outer wall thickness of at least 1 mm. To mitigate the effect of
thickened walls on the test results, the sample design was increased in width and thickness
to 10 mm and 14 mm respectively, with a gauge length of 70 mm (see Figure 4.2B).

Tuned samples were created with gyroid infill structures using parametric CAD design
tools, specifically Rhinoceros®and GrasshopperT M , along with the Crystallon plugin. A
basic CAD design of the dogbone sample was created in the Rhinoceros®CAD design
environment and shelled to a thickness of 1.2 mm. The shell thickness defines the
thickness of the printed wall. Using the Crystallon Plugin, the obtained cavity within
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the shelled CAD object was filled with a gyroid structure, the minimum thickness of
each gyroid was the print head nozzle diameter (0.4 mm) plus a tolerance of 0.1 mm
i.e (0.5mm). The gyroids were patterned in x, y and z directions such that they filled
a 30% volume of the CAD dogbone model, based on comparisons to Prusa Slicer infill
volumes. A boolean operation was carried out to ensure that the internal gyroid structure
conformed to the internal volume of the dogbone structure and outliers were removed.
The internal cavity was then copied, to give an additional dogbone model with internal
dimensions of the shelled CAD model. The internal dogbone was booleaned by the
fitted internal gyroid structure to produce the negative volume which would serve as the
negative space for fluid infill. The stiff wavy fibres were produced by a simple sinusoidal
wave function line in Rhinoceros 7 plugin Grasshopper. A pipe function was applied to
the line with a radius of 0.9 mm. Fibre structures were designed based on literature
studies by Wang et. al [156, 155], which showed that a sinusoidal wave embedded in a
soft polymeric material with a selected wavelength introduced strain stiffening behaviour.
3 main design parameters were considered, the wavelength of the fibre λ, the amplitude
A and the radius of the fibre RF . 3 types of fibres were designed. A High frequency
fibre (HF) with λ=6 mm, A=3 mm, rf =0.8 mm; a mid frequency fibre (MF), with λ=10
mm, A=3 mm, rf =0.8 mm; and a low frequency fibre with λ=20 mm, A=3 mm, rf =0.8
mm. PLA fibres were initially printed as reinforcement into Elk01 material and tested in
uni-axial tension and later replaced by more flexible TPU fibres. 2 print layers (0.8 mm
+ tolerance (0.1 mm)were used to create the final fibre stls. The 3 stl files were combined
and the fibre stl was boolean subtracted from all other components to create a cavity
within the gyroid stl, the negative space and the dogbone structure. This allowed for the
creation of both the base material’s gyroid infill structure, equivalent to approximately
30% of internal sample volume, and the negative space volume, for the fluid filler, as
separate stl files. This further enabled multi-material slicing using Prusa Slicer. The
samples were labelled based on their constituents. G30 samples referred to 3 samples
prepared with only the 30% ’empty’ gyroid infill. G30Fib refers to 3 samples with a single
fibre reinforcement, layered centrally in a gyroid structure. G30Flu refers to samples
with PDMS oil as a fluid filler in the negative space of a similar G30 structure, whilst
G30FibFlu contains both fibre reinforcement and fluid filler components.

4.2.3 Mechanical Testing & Analyses
Test protocol

Experiments were carried out using an electro-mechanical test machine (Zwickiline Z030,
Zwick Roell GmbH, Ulm, Germany) operated at 10 Hz. A high resolution camera (Sony
α-6400, Sony, Tokyo Japan) was used for optical video recording at 1 Hz.

White dot markers (GOM, Braunschweig, Germany) were placed slightly below the upper
clamped region and above 15 mm from the bottom to avoid bell ends and ensure that the
gauge area was vertical. These were used for optical strain tracking analysis with a point
tracking algorithm described previously by Frank et al.[45]. Specimens were subsequently
clamped on both ends (see Figure 2C).
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Figure 4.2: Flow chart showing the methodology of the study. A) Soft tissue section shows
sample preparation of porcine muscle and liver tissue. B) 3D printed section shows the creation of
tissue mimicking 3D printed silicone samples from design, printing to final samples. C) mechanical
test setup. D) cyclic loading protocol. E) analyzed parameters, initial EI and final EII Elastic
moduli,inflection strain εi as well as energy areas (X,Y).

Displacement-controlled, uniaxial tensile, triangular wave cyclic loading was applied at
1 mm/s with a preload of 5 mm on the samples with target strain levels (7.5%, 15.0%,
25% and 30% strain). Each strain level was cycled 8 times to ensure a steady state, the
final cycles of each strain level were used to determine the hysteresis.

Suture Retention Tests

Additionally, suture retention experiments were performed on porcine liver tissue as well
as on 3D printed silicone samples to assess the ability of the materials to hold sutures.
For suture retention tests, rectangular samples were clamped on one end with a suture
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Designation Specimen Description
Composition Fibre Design Parameters

PM Porcine muscle N/A N/A
PL Porcine liver N/A N/A
Elk04 Elkem AMSil20104 N/A N/A
Elk03 Elkem AMSil20103 N/A N/A
Elk02 Elkem AMSil20102 N/A N/A
Elk01 Elkem AMSil20101 N/A N/A
Elk01HF Elk01 + high-frequency fibre PLA λ=6, A=3, rf =0.8 mm
Elk01MF Elk01 + mid-frequency fibre PLA λ=10, A=3, rf =0.8 mm
Elk01LF Elk01 + low-frequency fibre PLA λ=20, A=3, rf =0.8 mm
G30 Elk01 with infill pattern N/A 30% gyroid pattern
G30Flu G30 + fluid filler N/A 30% gyroid + Silicone Oil
G30Fib G30 + LF fibre TPU λ=20, A=3, rf =0.8 mm
G30FibFlu G30 + LF fibre + fluid filler TPU λ=20, A=3, rf =0.8 mm

Table 4.1: Produced material sample acronyms and description.

material pulled through the a notch on the free edge. The notch is created with a suture
needle and hence the notch size is dependent on the needle size. This is referred to as the
suture bite. The suture bite depth is the distance from the free edge of the specimen (ab)
that shall amount to 2 mm as per the standard. The suture is tied off and pulled with a
speed (v) of 1mm/s. Coated vicryl (polyglactin 910), dyed, braided sutures (Ethicon,
New Jersey, USA) were used. Suture bite size of 3 mm was made with a 1/2 circle
(rounded) tapered needle. Suture thread thickness was 3 mm and suture length 70 cm
(see Figure 4.3). The specimens were tested with displacement controlled tensile pull test.
The breaking start strength (BSS) as well as the suture retention strength (SRS) were
measured and reported.

Stress and Strain determination

Actual sample strains were obtained via digital image correlation (DIC). Hereby, the
position of the markers is tracked over time and the relative displacement between the
marker positions at the top and bottom is determined. Hence, engineering strain is
computed as:

ε(t) = l(t) − l0
l0

(4.1)

where l0 is the initial length (at zero-force) and l(t) the actual length of the tissue. The
uni-axial linear engineering stress (σ) is calculated from the axial measured force (f) and
the cross sectional area (A0 = B · T ), measured with a calliper (prior to testing) and
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Figure 4.3: A)Suture retention test geometry showing suture bite depth (ao), distance to clamp
(Lo) and width(w) B) Mechanical test setup for suture retention C) Porcine liver tissue suture
retention test setup showing DIC tracking D) 3D printed silicone sample under suture testing

averaged at 3 positions, using the following equation:

σ(t) = f(t)
A0

(4.2)

Energy dissipation determination

The samples were tested in a cyclic manner and the non-linear elastic behavior was
analyzed based on the initial and final Young’s moduli values at the start and end regions
of the material behaviour E and the inflection strain region εi. The dissipated energy
ratio UD was calculated as done previously by Aryeetey et. al [7]. The total energy WT

of the triangular wave cycle is the area under the loading half cycle i.e. area (X+Y)
in Figure 4.2E), while the storage energy i.e. elastic energy WS is the area under the
unloading half cycle, i.e. area Y in Figure 4.2E. The dissipated energy WD is the area
between the loading and unloading half cycles, area X. The dissipated energy ratio, UD

as defined by Oyen et al. [109] is given by:

UD = WT − Ws
WT

= (X + Y ) − Y

(X + Y ) = WD
WT

(4.3)

Data representation

The material parameters measured EI , EII and UD for each specimen type were obtained
individually for all 3 samples of the specimen type. For each specimen type, the mean
value of the 3 samples were obtained as well as the standard deviation over the 3 samples.
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4.3 Results

4.3.1 Non-linear elasticity
Base material selection

Porcine muscle and liver tissue both showed typical non-linear elastic material behaviour
characteristic of soft collagenous tissues. The porcine muscle tissue showed a mean
measured stiffness and standard deviation of EI of 10 ± 4.0 kPa within the 3% to 5%
strain range with an increase to a mean final stiffness EII of 580 ± 150 kPa between 15%
to 25% strain range. Similarly, a rise in the stiffness of softer porcine liver tissue was
observed, showing mean initial stiffness EI of 3.0 ± 1.0 kPa with a final stiffness EII of
38 ± 21 kPa (see Figure 3A).

All 3D printed base materials (Elk01 - Elk04) displayed a linear elastic response. The
initial and final stiffnesses were relatively similar mostly showing a slight decrease in the
final stiffness (see Figure 3B). The Elk01 material showed the lowest stiffness (140 ± 21
kPa), closest to the chosen soft biological materials and was therefore selected for further
testing and tuning. Details of all stiffness results are reported in Table 4.2. The elastic
moduli EI , EII of all tested samples are exhibited in Figure 4.5.

Effect of fibre reinforcement on elastic behaviour

The effect of the fibre reinforcement design was evaluated based on the results of the
non-linear response in terms of initial and final elastic modulus EI and EII and inflection
strain εi. The fibre reinforcement with varying wavelengths were tested with the aim to
result in a strain stiffening behaviour. Only the low-frequency fibre sample (Elk01LF)
accomplished this behaviour, whereas the mid- and high-frequency fibre sample still
indicated a strain softening behaviour, similar to the bulk material (see Figure 4.4 and
Table 4.2). There was no clear inflection in the high-frequency sample, and an inflection
at 12% and 15% was observed for the mid- and low-frequency samples, respectively.

The non-linear elastic response of Elk01LF was similar to that of porcine muscle tissue,
however with a higher initial stiffness EI of 350 ± 20 kPa but a similar final Elastic
modulus EII of 520 ± 50 kPa. Further, initial stiffness EI was increased in all fibre
reinforced samples, with respect to the bulk Elk01 material. Taken together, the low-
frequency wave design parameters showed the most promising results in terms of non-linear
behaviour and inflection strain εi and were hence implemented in final samples G30Fib
and G30FibFlu.

Effect of gyroid pattern and fluid infill on elastic behaviour

Figure 4.6 shows the stress strain response of Elk01 base silicone, Elk01 with 30% gyroid
infill pattern (G30), and Elk01 with PDMS Oil as a fluid filler (G30Flu), as well as
porcine muscle and porcine liver tissue. Reducing the infill percentage from 100% in
Elk01 to G30 sample showed a reduction in initial modulus EI from 140 ± 30 kPa to
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Figure 4.4: Selected stress strain plots showing the material behaviour of A) porcine muscle
and liver tissue. B) Base silicones Elkem 20101- Elkem20104 3D printable base materials. C)
Fibred Elk01 samples with sinusoidal fibres of high-, mid- and low- frequency (HF, MF, LF).

Muscle Liver
EI / kPa 10 ± 4.0 3 ± 1.0
EII /kPa 580 ± 150 38 ± 21

ElkHF ElkMF ElkLF
EI /kPa 260 ± 20 330 ± 30 350 ± 30
EII/kPa 180 ± 40 240 ± 30 520 ± 50

Elk01 Elk02 Elk03 Elk04
EI /kPa 140 ± 20 780 ± 60 860 ± 80 1900 ± 70
EII /kPa 175 ± 30 520 ± 40 690 ± 90 1800 ± 50

Table 4.2: Initial and final elastic moduli ± mean standard deviation for soft biological tissue,
Elkem base silicone samples and fibred samples.
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E2
E1

Figure 4.5: Initial mean Elastic modulus EI (darker shade) and final mean Elastic moduli EII

(lighter shade) with standard deviation of 3 tested specimens per specimen concept.

110 ± 10 kPa as well as in the final elastic modulus EII from 175 ± 20 kPa to 80 ± 30
kPa. Adding PDMS oil (G30Flu) increased EI to 250 ± 30 kPa and EII to 190 ± 60
kPa, still lower than the base material Elk01 (see Table 4.3).

G30 G30Flu G30Fib @12% G30FibFlu @12%
EI/kPa 80 ±30 190 ±60 970 ±70 400 ± 20
EII/kPa 110 ± 10 250 ±30 780 ± 20 510 ±10

Table 4.3: Table showing the dissipated energy UD, mean ± standard deviation for mechanically
tuned samples

G30Fib showed an initial Elastic modulus EI of 780 ± 20 kPa and final elastic modulus
EII of 970 ± 70 kPa at 12% strain with the inflection strain εi at ≈ 7% (see Table
4.3). Adding the PDMS oil to the fibre reinforced gyroid samples(G30FibFlu) still
demonstrated an inflection strain εi of ≈ 7%. Initial and final stiffness was lowered to
510 ± 10 kPa and 400 ± 20 kPa, respectively (see Table 4.3 and Figure reffig:E2 for an
overall comparison of all samples).

Testing performed on fibre reinforced samples displayed characteristics of damage during
cyclic testing for cycles with strain levels above 14% strain. The observed delamination
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Figure 4.6: Stress strain plot of Elkem 20101 base silicone (Elk01) in green, Elkem 20101 with
30% gyroid infill pattern (G30) in black, and Elkem 20101 base material with PDMS Oil as a
fluid filler (G30Flu) in blue as well as porcine muscle and porcine liver tissue in red and brown
respectively.

occurred at the clamping regions (see Figure 4.9). Results for cycles below this threshold
were therefore reported.

4.3.2 Suture retention tests
Additional suture retention tests were performed primarily on porcine liver tissue and
3D printed Elk01 samples with 30% gyroid infill to assess the capability for anatomical
models. For porcine liver tissue, an early failure point (BSS) was observed. The mean
BSS over 3 tested samples were determined to be 0.71 ± 0.08 N. The mean suture
retention strength of porcine liver tissue measured over 3 samples was 1.64 ± 0.42 N,
while for 3D printed silicone samples showed a mean suture retention strength of 5.1 ±
0.6 N with no obvious early failure point observed. Representative samples were selected
and are shown in Figure 4.7.

4.3.3 Dissipated energy ratio
Material Selection

The dissipated energy ratio of the various samples was calculated as described in the
methods section Equation III. Base materials showed varying hysteresis behaviour based
on their chemical composition. Elk01, Elk03, and Elk04 showed relatively low energy
dissipation with UD of 0.09 ± 0.01 and 0.05 ± 0.02, and 0.06 ± 0.01, respectively (see
Figure 4.8 and Table 4.4). Elk02 showed higher energy dissipation with 0.21 ± 0.02 much
like porcine muscle and liver tissue samples. Elk02 was however not selected for further
tuning due to the higher initial stiffness range. Further, as already demonstrated in
Figure 4.4, the selected base material Elk01 and applied elastic tuning concept Elk01LF
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Figure 4.7: Representative force-displacement results of suture retention test in porcine liver
tissue (top) and 3D printed Elk01 with 30% gyroid infill (bottom).

already indicated a similar energy dissipation ratio to biological tissue (see also 4.6),
hence was selected for further material tuning.

Muscle Liver
UD 0.24 ± 0.04 0.15 ± 0.12

ElkHF ElkMF ElkLF
UD 0.11 ± 0.02 0.16 ± 0.02 0.17 ± 0.05

Elk01 Elk02 Elk03 Elk04
UD 0.09 ± 0.01 0.21 ± 0.02 0.06 ± 0.01 0.05 ± 0.02

Table 4.4: Mean dissipated energy ratio UD ± standard deviation for biological tissue, Elkem
base silicone samples and fibred samples.

Effect of Fluid filler

The Elk01 with ‘empty’ 30% gyroid infill (G30) was compared initially to the 100% filled
Elk01 samples and showed an increase in the dissipated energy ratio UD from 0.09 ± 0.01
to 0.16 ± 0.03. The samples filled with PDMS Oil (G30Flu samples) were observed to
have an even further increase in UD to 0.23 ± 0.05. These results are similar to dissipated
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Figure 4.8: Boxplots showing the dissipated energy ratio UD of all materials tested.

energy ratio results obtained from porcine muscle tissue of 0.24 ± 0.04. UD of the samples
are measured at the 8th and final cycle of the triangular wave excitation per strain level.
The values are compiled over all 3 specimens of a sample type and box plots (see Figure
4.8 show the spread of the results per specimen type. The dissipated energy ratio UD for
the tuned sample G30Fib showed an increase to 0.31 ± 0.03 compared to Elk01, G30,
G30Flu. A further increase in UD is observed with G30FibFlu (0.46 ± 0.17) with the
additional component of PDMS oil. Taking a closer look in Figure 4.9 demonstrated that
samples of G30Fib and G30FibFlu indicated a permanent deformation as stress values
become negative after unloading to 0% strain.

G30 G30Flu G30Fib @12% G30FibFlu @12%
UD 0.16 ± 0.03 0.23 ± 0.05 0.31 ± 0.03 0.46 ± 0.17

Table 4.5: Table showing the mean dissipated energy UD ± standard deviation for mechanically
tuned samples
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A B

Figure 4.9: A) Image of G30FibFlu undergoing uniaxial tensile loading B) Stress strain of
samples G30Fib (base material with sinusoidal fibre) and G30FibFlu (base material with sinusoidal
fibre and PDMS oil fluid) showing the effect of mechanical tuning with addition of fluid.

4.4 Discussion
In this study, extrusion-based 3D printable polymeric materials were tuned to mimic soft
biological tissue using a combination of microstructuring, fibre reinforcement and fluid
infill and compared to two target soft tissues, porcine liver and porcine muscle tissue.

Results of the final elastic moduli EII of porcine liver tissue (38 ± 21 kPa) in our study
fall within the range of values reported in literature previously [77, 7, 101]. Porcine
muscle elastic moduli values reported in our study (580 ± 150 kPa), are also within
values reported in literature [150, 134, 106]. Qiu et al. [118] suggests that the range of
strains during surgical manipulation is between 0% and 15% and hence reported initial
EI and final elastic moduli are selected within this range.

Elastic tuning involved the reduction of the elastomers overall stiffness as well as the
introduction of non-linear stress stain behaviour in the otherwise linear elastic base
material. The chosen base material (Elk01) showed similar stiffness properties to more
flexible commercially available print materials flexible materials such as the Tango family
from Stratasys, and materials from Ninjatek or PolyFlex, with elastic moduli within the
range of 102 kPa and 104 kPa [167, 72, 76, 22]. The introduction of a gyroid microstructure
to the base Elk01 base material reduced the materials overall final stiffness from 175 ±
30 kPa to 110 ± 10 kPa as hypothesized. This is mainly due to the reduction in the
sample’s density. Sinusoidal wave fibres (PLA and TPU) were printed into the polymeric
matrix and successfully introduced a non-linear elastic behaviour to the sample. As
expected, the mismatch of silicone matrix and fibre stiffness introduced an inflection point
in the stress strain relationship. The design of the wavy fibre whether high-frequency,
mid or low- frequency impacted the inflection strain, while the fibre material affected
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the stiffness increase after inflection. This concept introduces control to the non-linear
stress strain response of polymeric tissue substitutes and hence enables tuning of various
materials towards specific collageneous soft tissue. Comparing to previous literature, the
strain at the inflection point was higher than those shown by Wang et al. [156] for similar
sinusoidal wave fibre reinforcements which was about 5%. However the chosen materials
showed a stiffness range of 1 order of magnitude higher than in those in our study.
Garcia et al. [49] also applied similar wavy fibre techniques and successfully introduced
non-linear elastic material response for an ascending aorta model. The stiffness response
of designed samples were between 360 kPa and 600 kPa.Hence, our current study was able
to mimic soft collagenous tissue in terms of stiffness inflection strain εi more realistic.

In terms of viscous tuning, samples with fibre reinforcement also exhibited an increase in
the dissipated energy ratio UD, from the base material value of 0.09 ± 0.01 increasing with
fibre frequency from Elk01HF (0.11 ± 0.02), to Elk01LF (0.17 ± 0.05). This is attributed
to increased energy absorption of stiffening fibres. This finding is consistent with results
expressed by Garcia et al. [49], who showed an increase in dissipated energy in the
composite material (≈ 40%) as compared to the single Tango Plus material (≈ 35%).
Additionally, it is observed that the introduction of the gyroid microstructure creates an
increase in UD (0.16 ± 0.03). It is hypothesized that the specific infill percentage and
distinct pattern of gyroid voids may contribute to energy dissipation within the sample
by redistributing stresses or creating zones of localized deformation.

Suture retention tests were performed on both porcine liver tissue and an equivalent G30
sample designed for suture retention tests. Only porcine liver tissue was tested for suture
retention as it forms the lower boundary of our experiments and hence is the minimum
value for comparison to 3D printed sample. Porcine liver tissue BSS and SRS results
were consistent with literature results [18]. Bircher et al. performed suture retention
tests on bovine liver tissue. BSS for bovine liver tissue was about 1.1 N and is consistent
with our study of porcine liver tissue (0.71 ± 0.08 N) as porcine liver tissue has been
shown to be softer [40]. SRS of G30 equivalent sample (5.1 ± 0.6 N) was considerably
higher than that of porcine tissue (1.64 ± 0.42 N) mainly attributed to the materials
higher stiffness properties as compared to soft porcine tissue. Results show that the
3d printed samples show sufficient suture retention strength to withstand manipulation
during surgical procedures.

In the present study, the novel concept of introducing a fluid filler (PDMS oil) directly
into the sample was used to tune the viscous response. PDMS oil was added as a filler
material due to its high viscosity (100 Pas). Addition of PDMS oil showed a further
increase in UD, up to 0.23 ± 0.05. The contribution to the increased dissipated energy
ratio is initially attributed to the fluid viscosity but may extend beyond this. The
contribution to the increased dissipated energy ratio was initially attributed to the fluid
viscosity. However, the effect of shear thinning behaviour might also contribute to the
energy dynamics of the designed tissue samples and should be studied further. The UD

values obtained however were directly comparable to those of porcine muscle tissue. The
final elastic modulus EII of G30Flu sample rose to 190 ± 60 kPa, due to an increase
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in overall sample density,but however did not match that of porcine muscle tissue (580
± 150 kPa). The G30Fib sample showed an increase in UD (0.31 ± 0.03) as compared
to the G30 (0.16 ± 0.03) and is consistent with the hypothesis that fibre reinforcement
increases energy dissipation. The inclusion of PDMS oil i.e. and G30FibFlu samples
showed a further increase in UD(0.46 ± 0.17) attributed to the contribution of both fibre
reinforcement and fluid infill to energy dissipation within the sample.

Known limitations of the study are noted. The addition of the PDMS oil to the fibre
reinforced gyroid sample showed an unexpected reduction in stiffness (400±20 kPa) as
compared to G30Fib (780 ± 20) at the maximum attainable strain at 12 %(see Figure
4.9). This is mainly attributed to small leakages of viscous oil during testing around the
clamping region. Another limitation was the damage (partial delamination) occurring in
the stress strain plots for strains above 15 % for fibre reinforced G30Fib and G30FibFlu
samples. This is attributed to damage of the sample around clamping regions at higher
strains, verified by optical inspection after testing. These limitations can be avoided
in future studies by increasing the wall thickness of the samples in order to prevent
damage to clamping zones. Despite these limitations, the G30FibFlu sample showed
an increased viscosity as well as non-linear elastic behaviour in cycles prior to damage
cycles as anticipated. The concepts of combining microstructuring, fibre reinforcement
and fluid infill to tune tissue mimicking materials mechanical response could thus be
clearly demonstrated.

There are several advantages of using such 3D printed phantoms over direct usage of
animal samples such as porcine tissue. Firstly, samples digitally created and hence are
more reproducible compared to animal soft tissue which may show quite a large variation
in mechanical properties depending on based on sex, age and species of the animal[5].
Another major advantage is the ability to further adapt the properties by slight changes
in stiffness, non-linear response and energy dissipation as shown in this study for use in
other clinical contexts such as in tumor research [23, 58]. The use of 3D printed samples
can be adapted to use non-toxic substances which are then safer to use as compared to
the preparation of samples from animal sources which may contain allergens or pathogens
[95].

The results show that it is possible to tune mainly elastic polymeric materials towards soft
biological tissues (non-linear elasticity and increased viscosity) within the range of their
physiological stresses.Although porcine muscle and liver tissue could not be reproduced
exactly, it is shown that the combination of adding fibres and fluid can be successfully
used to tune polymeric base materials close to soft collagenous tissues. Further, the
presented mechanisms serve as base tuning concepts that can be further refined and
tuned to match a specific tissue by altering the design parameters.

4.5 Conclusion
This study showed that the mechanical properties, such as non-linear elasticity and
viscoelasticity of polymeric base material, can be tuned by combining fibre reinforcement
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and fluid infill to create tissue mimicking materials. Hereby, a wide range of stiffnesses (80
- 970 kPa) was achieved and energy dissipation of materials was raised by ≈ 40 % using
microstructuring and fluid infill. Developed materials also exhibited an adequate suture
retention strength (5.1 ± 0.6 N) and hence showed the capacity for use as anatomical
phantoms. In future studies, further analysis of infill structures, as well as material
properties of viscous fluid infills, will be carried out to create more fine-tuned materials.
Also, computational models might be interesting to predict the stress-strain behaviour of
those materials to overcome the limitation of physical printing and testing several sets of
parameter compositions. Taken together, the basic tools necessary for the development of
actual tissue mimicking materials, covering several mechanical aspects at once, have been
made available to enable future development of surgical rehearsal anatomical models.
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CHAPTER 5
Synthesis & Outlook

5.1 Synthesis

This dissertation advances the development of realistic anatomical models for surgical
rehearsal by characterizing the mechanical properties of both soft biological tissues and
tissue-mimicking materials. The research addresses three key areas:

• Constitutive Modeling: The study applies the reduced parameter AQLV (Adaptive
Quasi-Linear Viscoelastic) model to capture the complex nature of soft biological
tissues. This approach reduces the number of required experiments and material
parameters while maintaining accuracy, facilitating easier comparison between
various tissues and materials.

• Fracture Toughness: The research accounts for energy dissipation due to viscoelastic
and plastic processes when determining the fracture toughness of soft biological
tissues. The AQLV model parameters, applied to uniaxial tensile loading experi-
ments, provided reasonable estimations of energy dissipation and fracture toughness,
demonstrating the potential of flexible strain-dependent constitutive models in
surgical applications.

• Tuning Mechanical Properties: A proof-of-concept study developed techniques to
tune the mechanical properties of polymeric materials. By introducing microstruc-
tures/infill and stiff wavy fibers, the research achieved reduced material stiffness
and non-linear elastic response mimicking collagenous tissues. The addition of
viscous fluid to internal cavities increased viscoelastic response, creating a versatile
approach applicable to various soft tissues and 3D printing technologies.
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5.2 Future Outlook
The concepts discussed in Chapter 2 viscoelastic modeling, i.e. the reduced parameter
AQLV can be applied to other soft biological tissues, or more specifically to human tissue.
The current study was run with porcine tissue to serve as a validation, however ideal
would be to apply these concepts to soft human tissue. This can aid in characterizing
soft tissues with an objective measure towards the goal of surgical rehearsal as well as for
further simulations.

Chapter 3 determined the viscous energy dissipation during soft tissue fracture and
estimated the fracture toughness parameter. The model did not fully account for the
complete strain history with each strain increase, potentially affecting result accuracy.
Additionally, it overlooked effects like plastic deformation in calculating fracture energy.
Future work should incorporate full strain history and distinguish other complex physical
effects during tissue fracture.

Chapter 4 introduced methods for creating tissue, including microstructuring, fiber
reinforcement, and fluid content to mimic mechanical responses of soft tissue. Further
refinement of these models is needed to more accurately match specific tissues. Utilizing
computational engineering and simulations could accelerate this fine-tuning. Additionally,
experimenting with various silicone bases, infill types, and fluid viscosity may enable the
development of different tissue-mimicking materials, matching the mechanical properties
of actual biological tissues even closer.
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