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Kurzfassung

Realistische anatomische Modelle sind ein wichtiges Instrument in der Forschung und
Lehre und werden in der Entwicklung neuer Medizinprodukte, im Anatomieunterricht
und in der chirurgischen Ausbildung eingesetzt. Die Herstellung anatomischer Mo-
delle mit realistischen mechanischen Eigenschaften ist jedoch aufgrund des inhärent
komplexen mechanischen Verhaltens von Weichgeweben eine Herausforderung.

In dieser Dissertation wurden die mechanischen Eigenschaften von Weichgewebe
ausführlich analysiert, mit dem Ziel haptische Eigenschaften in anatomischen Model-
len besser abbilden zu können. Mit speziellem Fokus auf Leberparenchym, wurden
verschiedene experimentelle und Datenanalysemethoden entwickelt, um nichtlineare
und viskoelastische Eigenschaften zu charakterisieren. Dabei wurde frische menschli-
che Leber, frische Tierleber, Thiel-einbalsamierte menschliche Leber und verschiedene
künstliche Ersatzmaterialien evaluiert.

Einerseits wurde die Palpation von Weichgewebe mittels Makroindentation nach-
geahmt, um objektiv bewerten zu können, wie sich Materialien anfühlen. Diese Me-
thode ermöglicht den effizienten Vergleich verschiedener Materialien hinsichtlich ihrer
haptischen Eigenschaften. Zur Untersuchung des nichtlinearen elastischen Verhaltens
wurden die Materialien langsam eingedrückt und Steifigkeiten für verschiedene Ein-
dringbereiche definiert. Unter Berücksichtigung von Viskoelastizität wurde die Kraft-
relaxation des Materials während eines Zeitraums konstanter Indentation gemessen.
Die Abnahme von Kraft über Zeit wurde mittels rheologischem Model beschrieben und
die frequenzabhängige Speichersteifigkeit, Verluststeifigkeit und Verlustfaktor wurden
berechnet. Durch den Vergleich der resultierenden mechanischen Eigenschaften ver-
schiedener künstlicher Materialien mit Lebergewebe, unter Verwendung des neu ein-
geführten “taktilen Ähnlichkeitsfehlers”, wurde ein weiches Silikon gefunden, das hin-
sichtlich der getesteten Eigenschaften, Leber am ähnlichsten war.

Andererseits wurden Zugversuche mit ähnlichen Prüfprotokollen (Rampenbela-
stung und Spannungsrelaxation) durchgeführt, um Eigenschaften auf Materialebene zu
definieren. Der Spannungs-Dehnungs-Verlauf in Belastung und Entlastung der Rampe
wurden mit einem pseudohyperelastischen Veronda-Westmann Modell approximiert
und es wurden dehnungsspezifische Elastizitätsmodule gefunden. Basierend auf Span-
nungsrelaxation, wurden die viskoelastischen Eigenschaften als Speichermodul, Ver-
lustmodul und Verlustfaktor ausgedrückt. Zusätzlich wurden äquivalente viskoelasti-
sche Eigenschaften mit dynamischen zyklischen Tests gemessen, um Relaxation und
zyklische Tests miteinander zu vergleichen. Die Ergebnisse zeigten, dass Spannungsre-
laxation und zyklische Tests vergleichbare viskoelastische Ergebnisse ergaben, solange
nichtlineares Verhalten berücksichtigt und Tests bei gleichem Dehnungsniveau durch-
geführt wurden.

Mit diesen experimentellen Methoden wurden neue Erkenntnisse über die visko-
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elastischen Zugeigenschaften von menschlicher und tierischer Leber gewonnen. Somit
konnten Unterschiede zwischen menschlicher und tierischer Leber analysiert und durch
ihre charakteristischen histologischen Morphologien erklärt werden. Darüber hinaus
wurde festgestellt, dass die Thiel-Konservierung mit einer Versteifung des Gewebes
und vermindertem viskosen Verhalten verbunden ist.

Testergebnisse der Makroindentation zeigten, dass durch die Kombination ver-
schiedener Materialien, mechanische Eigenschaften adaptiert werden können, um Le-
bergewebe besser zu imitieren. Um solche Materialkombinationen zu entwerfen, wurde
ein viskoelastisches Mori-Tanaka-Modell (vMTM) zur Homogenisierung viskoelasti-
scher Eigenschaften von Materialien mit Matrix-Einschluss-Morphologien entwickelt.
Zur Validierung des vMTM wurden Proben getestet, die aus Kombinationen zweier
weicher Silikonen mit variierendem Volumenanteil bestanden, und mit den Modellvor-
hersagen verglichen. Für die Anwendung des vMTM wurden viskoelastische Materia-
leigenschaften verschiedener weicher Silikonelastomere als Eingangsößen definiert. Die
dabei resultierenden homogenisierten Eigenschaften wurden mit Lebereigenschaften
aus den Zugversuchen verglichen. Weiters, wurde untersucht inwiefern die homogeni-
sierten Modelleigenschaften sich mit anderen Weichgeweben aus der Literatur decken.

Schließlich wurden dadurch geeignete Mikrostrukturen identifiziert, die sehr ähnliche
viskoelastische Eigenschaften wie bestimmte biologische Weichgewebe aufweisen. In
Zukunft, können diese Mikrostrukturen, dank kontinuierlicher Innovationen im Be-
reich 3D-Druck von weichen Materialien, hoffentlich durch additive Fertigung herge-
stellt werden.

Diese Dissertation bietet neue Einblicke in die mechanischen Eigenschaften des
Leberparenchyms und präsentiert eine effiziente Strategie für das Materialdesign von
realistischen anatomischen Modellen, basierend auf mikromechanischer Homogenisie-
rung. Die Ergebnisse dieser Arbeit können somit dazu beitragen, dass realistischere
anatomische Weichgewebemodelle produziert werden, zum Beispiel für Anwendungen
in der medizinische Ausbildung.



Abstract

Realistic anatomical models are an important tool in research and education, used for
aiding the development of new medical products and procedures, for teaching anatomy,
and for surgical training. However, producing anatomical models, exhibiting accurate
mechanical properties, is challenging due to the inherently complex mechanical be-
haviour of soft tissues.

In this dissertation, it was assessed which properties need be be considered, in
the context of describing what soft tissues actually feel like. Focussing especially on
liver parenchyma, different experimental and data analysis methods were developed,
considering non-linear and viscoelastic properties of fresh human liver, fresh animal
liver, Thiel embalmed human liver, and different tissue-mimicking artificial materials.

On the one hand, macroindentation, mimicking soft tissue palpation, was applied
for objectively assessing what materials feel like, allowing easy comparison between
different materials. For examining the non-linear elastic behaviour, the materials were
slowly indented and stiffness was defined for different levels of indentation. Consid-
ering viscoelasticity, force relaxation of the material was measured during a period of
constant indentation. The decline of force over time was described with rheological
modelling and frequency-dependent storage stiffness, loss stiffness, and loss tangent
were calculated. By comparing resulting mechanical properties of different artificial
materials with liver tissue, using the newly introduced “tactile similarity error”, a soft
silicone elastomer was found that resembled liver best in terms of the tested properties.

On the other hand, tensile tests were conducted with similar testing protocols
(ramp loading-unloading and stress relaxation) to define properties on a material
level. The ramp loading-unloading stress-stretch data was analysed with a pseudo-
hyperelastic Veronda-Westmann model and strain-specific tensile moduli were found.
Viscoelastic properties were expressed in terms of storage modulus, loss modulus, and
loss tangent, based on the stress relaxation data. Additionally, equivalent viscoelastic
properties were measured with dynamic cyclic testing, in order to compare relaxation
and cyclic testing. The results showed that stress relaxation and cyclic testing yielded
comparable viscoelastic results, as long as non-linear behaviour was considered and
tests were conducted at the same level of strain.

Based on these experimental methods, novel insight into tensile viscoelastic prop-
erties of fresh human, animal, and Thiel preserved liver was gained. Thus, differences
between human and animal liver could be analysed and explained by their charac-
teristic histological morphologies. Furthermore, Thiel preservation was found to be
associated with tissue stiffening and decreased viscous behaviour.

Results from testing composite materials in macroindentation, revealed that com-
bining different materials on a structural level is a promising strategy for fine-tuning
mechanical properties to better match liver tissue. In order to design such composites,
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a viscoelastic Mori-Tanaka model (vMTM) for homogenising effective properties of
materials, exhibiting matrix-inclusion morphologies with soft viscoelastic phases, was
developed. The vMTM was validated experimentally by testing samples, consisting
of two soft silicones with varying inclusion volume fractions, for comparison with the
vMTM predictions. Applying the developed vMTM, frequency dependent viscoelastic
material properties of various soft silicone elastomers were then used as input quan-
tities. The thereby resulting effective properties were compared to those of human
and animal fresh liver from the tensile tests. Furthermore, it was assessed how well
the effective properties matched other soft biological tissues, whose properties were
previously reported in literature.

Finally, suitable microstructures of matrix-inclusion-type were identified, which ex-
hibited very similar viscoelastic properties to certain soft biological tissues. These mi-
crostructures can hopefully be produced via additive manufacturing in future, thanks
to recent developments in the field of soft material 3D printing.

The work, presented in this dissertation, provides new insight into the mechanical
properties of liver parenchyma, based on rigorous experimental evaluation and compu-
tational analysis. Furthermore, microstructural material design for realistic anatomical
models was presented, based on the viscoelastic Mori-Tanaka model. Therefore, the
results of this dissertation can contribute to the production of more realistic soft tissue
models, for instance for applications in medical education.
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Chapter 1

Introduction

1.1 Anatomical Models

Anatomical models are an important tool in the context of education, research, and
medical instrument development. Depending on the application of the model, different
requirements have to be met.

For instance, models with highly accurate anatomical features are necessary when
teaching general anatomy or visible pathologies. These types of models demand high
morphological resolution and need to look realistic. Therefore, such models are often
made of hard plastics and are optically similar to the real organ, but exhibit unrealis-
tic mechanical properties. Additive manufacturing has become popular for producing
anatomically detailed models out of relatively hard polymers, that can either be stan-
dardised for medical instrument development and education [Salmi et al., 2013, Cai
et al., 2018, Ye et al., 2020], or patient-specific for pre-operative planning [Starosolski
et al., 2014, Anderson et al., 2016, Cherkasskiy et al., 2017, Mukherjee et al., 2017,
Vukicevic et al., 2017]. Figure 1.1a depicts the anterior view of a 3D printed knee
joint model, produced with the mulitmaterial printer Objet500 Connex3 (Stratasys
Ltd., Eden Prairie, Minnesota), based on MRI imaging (Open knee(s): virtual biome-
chanical representations of the knee joint, SimTK). The ligaments and cartilage were
printed with a more flexible material than the bone.

Other applications of anatomical models, however, require accurate mechanical
properties. For instance, when practicing surgical procedures on artificial models it
is important that the models feel realistic to the touch and behave appropriately
during cutting and suturing. Regarding models of soft biological tissues, silicones
or hydrogels (e.g. gelatine or alginate) are typically considered as tissue-mimicking
materials in terms of mechanical properties [Madsen et al., 2005, Wang et al., 2014,
Leibinger et al., 2016, Ismail et al., 2017]. These soft models are generally produced by
moulding, with newer approaches using 3D printed moulds [Adams et al., 2017, Tejo-
Otero et al., 2020]. Moulding, however, can turn into a very complicated procedure,
especially when considering hollow organs. Figure 1.1b depicts a complex model of the
pelvic region for surgical training of radical prostatectomy (ACMIT Gmbh, Wiener
Neustadt, Austria).

Attempts have been made to combine the anatomical accuracy, provided by ad-
ditive manufacturing, with realistic mechanical properties, by directly printing soft
materials. However, even relatively soft commercially available 3D printing materials,
are still quite different to actual tissues regarding haptics [Zein et al., 2013, Yoo et al.,

1
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2017]. Therefore, progress in direct silicone 3D printing has been made, including a
prostate model by Qiu et al. [2018] and a variety of organ models that can be ac-
quired, ready-to-use, from Lazarus 3D (Houston, TX, USA) [Rundstedt et al., 2017].
However, recreating soft tissue mechanical properties is very challenging, due to their
typically non-linear and viscoelastic behaviour. Thus, rigorous mechanical character-
isation of the tissues, as well as the artificial materials, is necessary. To address this
complex mechanical behaviour, microstructured multi-materials have been additively
manufactured [Wang et al., 2016, Maier et al., 2019, Tarantino et al., 2019, Kwon
et al., 2020], introducing new possibilities in material design.

With the difficulties, described in the context of producing anatomical models out
of artificial materials, real biological tissues and organs are still widely used in medical
education, surgical training, and development of medical devices [Yokoyama et al.,
2003, Tang et al., 2005, Hildebrand et al., 2007, Laird et al., 2011]. Figure 1.1c, for
instance, depicts a laparoscopic training system, consisting of the abdominal cavity
of a mannequin which contains an externally perfused porcine liver [Liu et al., 2018].
Actual biological tissues—either from human donors or from animals—are presumably
anatomically and mechanically similar to the in vivo situation. Nevertheless, the use
of animal tissues is connected to major ethical issues, and possible differences between
humans and animals, regarding mechanical properties and anatomy, must still be
considered.

When using human cadavers for research and education, availability issues and the
specific source of human cadavers are also reason for ethical concern [Halperin, 2007,
Jones and Whitaker, 2011, Habicht et al., 2018]. In most western European countries,
human cadavers, used for anatomy teaching, stem exclusively from voluntary donation
programmes, where the donor gives informed consent during their lifetime for the use
of their body in research and education [Habicht et al., 2018]. However, according
to Habicht et al. [2018], unclaimed bodies are still the major source of cadavers for
anatomical education, considering countries around the whole world. It is therefore
important to further develop body donation programmes worldwide and enforce ethical
standards in the cadaver procurement.

a) b) c)

Figure 1.1: Examples of anatomical models for research and surgical training: (a) 3D printed multi-
material knee joint model with ligaments and cartilage printed in a softer material than the bone; (b)
Pelvic model for surgical training of radical prostatectomy (courtesy of ACMIT Gmbh); (c) Laparo-
scopic training system containing porcine liver (reprinted by permission from Springer Nature: Liu
et al. [2018])
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Human bodies, used for research and education, are normally not recently deceased,
but preserved to prevent decay. For instance, human cadavers are routinely embalmed
using formalin, which heavily alters mechanical tissue properties, making formalin
cadavers unsuitable for surgical training [Hayashi et al., 2016]. Thus, for obtaining
more realistic mechanical properties during embalming, newer strategies, such as the
Thiel method [Thiel, 1992], were developed. Walter Thiel introduced his method for
“the preservation of the whole corpse with natural color”, aiming at conserving the
pliant and elastic nature of soft biological tissues [Thiel, 1992]. However, a certain
change in mechanical properties during Thiel preservation is still to be expected and
remains to be quantified.

In order to avoid physical models all together, efforts have been made to develop
virtual models of anatomical features. These models are predominantly used for sur-
gical training, especially in the context of teleoperation and laparoscopy [Panait et al.,
2006, Tsujita et al., 2013, Chen et al., 2020], or patient-specific preoperative planning
[Reitinger et al., 2006]. While the former requires accurate mechanical properties to
be incorporated into the model, using tactile feedback, the latter requires high mor-
phological precision but not necessarily tactile feedback.

Figure 1.2 gives an overview of various options for creating anatomical models, con-
cerning production, properties, and applications. In the context of models that require
mechanical accuracy, meaningful mechanical properties and methods for experimen-
tally measuring these need to be defined. For real feeling models, it is important to first
ascertain which mechanical properties are actually significant in the context of tactile
perception. Furthermore, it would be convenient if the material properties of artificial
microstructural materials could be predicted, based on their structural morphology,
in order to estimate similarity to biological tissues efficiently.

In this dissertation, it was attempted to characterise a certain organ rigorously in
terms of mechanical properties, in order to facilitate the development of a mechanically
accurate anatomical model for pre-surgical training.
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Figure 1.2: Anatomical models must meet different requirements concerning their properties (e.g.
patient-specific or standardised, accurate mechanical properties, etc.), depending on their application
(e.g. in research, clinical, or educational applications).These models are produced either out of artificial
materials, biological materials, or exist only virtually.
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1.2 The liver

In the context of anatomical models of soft tissues, challenges in replicating mechan-
ical properties stem from non-linear and viscoelastic behaviour of the tissues. Liver
tissue, specifically, is investigated in the following chapters since it exhibits behaviour,
typical for other soft tissues. Furthermore liver models have important applications in
surgical training systems, especially for laparoscopic procedures. Today, common pro-
cedures, such as cholecystectomy and hepatectomy, are widely done laparoscopically
as opposed to open surgery approaches [Alli et al., 2017, Yoshida et al., 2019]. Ap-
propriate training systems are a prerequisite for learning laparoscopic surgery which
is connected to a unique set of challenges [Liu et al., 2018].

The liver, the largest gland in the human body, is located in the upper right ab-
domen below the diaphragm and above the stomach (Fig. 1.3). The main functions
of the liver include detoxification of metabolites, regulation of glycogen storage, pro-
duction of hormones and digestive fluids (e.g. bile for lipid digestion), and storage of
blood [Jungermann, 1995].

Concerning vascularisation, the portal vein provides around two thirds of the liver’s
blood supply, delivering nutrient-rich blood, drained from lower abdominal organs (e.g.
stomach, intestines, pancreas, and spleen). The remaining blood supply is covered by
the hepatic arteries which carry oxygen-rich blood from the abdominal aorta [Lautt,
2009]. See Figure 1.3 for an overview of the liver anatomy and main blood vessels.
Branching off the portal vein and the main hepatic arteries, smaller blood vessels lead
to the functional units of the liver parenchyma tissue, called lobules (Figure 1.4). The
liver lobules are 1–2 mm wide structures with approximately hexagonal cross-sections.
They consist of cells (mainly hepatocytes and sinusoids), a central vein, and so-called
portal triads at the edges (one portal venule, one hepatic arteriole, and one bile duct)
[Crawford and Lui, 2010]. Bile is secreted by the hepatocytes and transported towards
a nearby portal triad’s bile duct from where it is passed to the gallbladder for storage.
Blood from the portal venules and hepatic arterioles moves in the opposite way of bile,
through the sinusoids towards the centre of the lobule. The sinusoids form a network of
specialised vasculature and are surrounded by porous endothelial lining, which allows
the passage of nutrients and oxygen to the surrounding hepatocytes [Braet and Wisse,
2002]. The pores, found in the sinusoidal endothelial lining, are referred to as fenestrae
and their size varies between species [Wood, 1962, Higashi et al., 2002]. Finally, the
blood, drained into the central vein, is collected by the hepatic veins and removed
from the liver into the inferior vena cava [Sasse et al., 1992].

From an engineering point of view, liver parenchyma is a microstructured fluid-
filled material, indicating that its mechanical behaviour is likely viscoelastic and non-
linear. Hepatic parenchyma is often treated as isotropic and incompressible. Even
though, these assumptions may be simplifications of the actual material properties,
there is experimental evidence that liver parenchyma may indeed be isotropic [Chatelin
et al., 2011, Pervin et al., 2011, Nguyen et al., 2012] and nearly incompressible [Chui
et al., 2004].
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Figure 1.3: Human liver anatomy and blood supply; liver parenchyma consists of functional units
called hepatic lobules (adapted from www.freepik.com).
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Figure 1.4: Schematic overview of the cross-section of a hepatic lobule: bile is produced in the
hepatocytes and transported towards the bile ducts of the portal triads; blood is supplied by the
portal venules and hepatic arterioles (branches of portal vein and hepatic artery) and flows through
the sinusoids towards the central vein of the lobule.
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1.3 Mechanical properties of liver tissue

Mechanical properties of hepatic parenchyma have been evaluated in tension [Brunon
et al., 2010, Kemper et al., 2010, Lu et al., 2014, Duong et al., 2015, Dunford et al.,
2018, Karimi and Shojaei, 2018], compression [Tamura et al., 2002, Kiss et al., 2004,
Roan and Vemaganti, 2007, Ocal et al., 2010], shear [Nicolle et al., 2010, Tan et al.,
2013, Wex et al., 2013, Ayyildiz et al., 2014, Capilnasiu et al., 2020], indentation [Ot-
tensmeyer et al., 2004, Kerdok et al., 2006, Samur et al., 2007, Lu and Untaroiu, 2012,
Li et al., 2019], and using elastography-based methods [Sandrin et al., 2003, Chatelin
et al., 2011, Fang and Sidhu, 2020]. Typical mechanical behaviour of liver tissue
thereby included non-linear stress-strain curves, hysteresis for loading and unloading,
strain rate dependent behaviour, stress relaxation, and creep.

1.3.1 Hyperelasticity

Stress-strain curves of hepatic tissue, e.g. resulting from tensile tests, were found to
be non-linear, exhibiting the toe-heel shape, typical for biological tissues [Fung, 1993,
Chen et al., 1996]: For very small strains the stress-strain curve is approximately linear
in the “toe” region, followed by the highly non-linear “heel” region for larger strains.
Finally, when strains exceed the heel, another nearly linear region of high stiffness
can be observed (see Figure 1.5). Therefore, different moduli must generally be given,
depending on the level of strain. Furthermore, hyperelastic approaches can be utilized
to approximate this non-linear behaviour, as has been done previously for liver tissue
[Chui et al., 2004, Gao and Desai, 2010, Umale et al., 2013, Fu and Chui, 2014].

st
re
ss

toe

heel

linear

Figure 1.5: Typical non-linear behaviour of biological tissues during mechanical loading: Low stiffness
nearly linear range in the toe region, non-linear heel region, and high stiffness nearly linear region.

Uniaxial tension of incompressible material

Hyperelasticity is based on the existence of the strain energy function Ψ for relating
stress and strain of a non-linear elastic material. The 2nd Piola-Kirchhoff stress tensor
S for an incompressible hyperelastic material, can be expressed, using the derivative
of the strain energy function in respect to the components of the right Cauchy-Green
deformation tensor C and the hydrostatic pressure p [Holzapfel, 2000],

S = −pC−1 + 2
∂Ψ

∂C
. (1.1)
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The right Cauchy-Green deformation tensor is composed of the 2nd order gradient of
deformation tensor F, according to

C = FTF , (1.2)

while the left Cauchy-Green deformation tensor b is defined as

b = FFT . (1.3)

The gradient of deformation F describes the deformation of the material and is the
derivative of a deformed state x in respect to the undeformed reference state X. For
uniaxial tension in x1-direction of an incompressible material F is

F =
∂x

∂X
=

⎛⎝λ1 0 0
0 λ2 0
0 0 λ3

⎞⎠ =

⎛⎝λ 0 0

0 1/
√
λ 0

0 0 1/
√
λ

⎞⎠ (1.4)

with λ1 = λ, λ2 = λ3 = 1/
√
λ being the principle stretch ratios and its determinant

J = det(F) = 1. Therefore, the right and left Cauchy-Green deformation tensor result
in

C = b =

⎛⎝λ2 0 0
0 1/λ 0
0 0 1/λ

⎞⎠ (1.5)

for uniaxial tension of an incompressible hyperelastic material.
The strain energy function is a function of strain invariants in an isotropic material,

Ψ = Ψ(I1, I2, I3), and its derivative in Eq. 1.1 can be written as

∂Ψ

∂C
=

∂Ψ

∂I1

∂I1
∂C

+
∂Ψ

∂I2

∂I2
∂C

+
∂Ψ

∂I3

∂I3
∂C

. (1.6)

The strain invariants for isotropic material are calculated as the eigenvalues of the right
Cauchy-Green deformation tensor and their respective derivatives result in [Holzapfel,
2000]

I1 = tr(C) ,
∂I1
∂C

= I , (1.7)

I1 =
1

2
(tr(C))2 + tr(C2) ,

∂I2
∂C

= I1I−C , (1.8)

and

I1 = det(C) ,
∂I1
∂C

= I3C
−1 . (1.9)

Inserting Eqs 1.7 – 1.9 into Eq. 1.6 and then into Eq. 1.1, yields

S = −pC−1 + 2
∂Ψ

∂I1
+ I1

∂Ψ

∂I2
I− ∂Ψ

∂I2
C+ I3

∂Ψ

∂I3
C−1 . (1.10)

Next, the Cauchy stress tensor is calculated, based on its definition σσσ = 1
JFSF

T, using
Eqs. 1.10, 1.2, and 1.3,

σσσ = −pI+ 2
∂Ψ

∂I1
+ I1

∂Ψ

∂I2
b− ∂Ψ

∂I2
b2 + I3

∂Ψ

∂I3
I , (1.11)
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with J = 1 for incompressible material. Subsequently, the strain invariants under
uniaxial tension,

I1 = λ2 +
2

λ
, (1.12)

I2 = 2λ+
2

λ2
, (1.13)

and
I3 = 1 , (1.14)

are inserted into 1.11. A solution for the hydrostatic pressure p is found, using the
boundary conditions for uniaxial tension (σ1 = σ, σ2 = σ3 = 0), finally yielding the
Cauchy stress in loading direction as

σ = 2 λ2 − 1

λ

∂Ψ

∂I1
+

1

λ

∂Ψ

∂I2
, (1.15)

depending on the strain energy function. Thus, the next step is to find the strain
energy function Ψ(I1, I2, I3), suitable for representing the behaviour of the hyperelastic
material.

Strain energy function for hepatic tissue

The strain energy function Ψ(I1, I2, I3) in Eq. 1.15 must be selected, based on thermo-
dynamic, symmetry, and energy considerations. Historically, different strain energy
functions were first proposed for modelling the hyperelastic behaviour of soft rubbers
[Mooney, 1940, Treloar, 1943, Rivlin and Rideal, 1948, Yeoh, 1993]. Since then, how-
ever, the same models and improved approaches have been applied to soft biological
tissues as well (overview given by [Chagnon et al., 2017]).

Hyperelasticity of liver tissue has been modelled using various strain energy func-
tions, as can be seen in Table 1.1. In general, the strain energy functions can be classi-
fied as polynomial (e.g. Neo-Hookean, Mooney-Rivlin, Ogden, Yeoh), exponential (e.g.
Fung-Demiray), or polynomial combined with exponential (e.g. Veronda-Westmann).
According to Chui et al. [2004], who tested a variety of hyperelastic models for uni-
axial tension and compression of hepatic tissue, the Mooney-Rivlin model had the
lowest root mean square error, compared to the experimental data, however, only if 9
constants were used. The advantage of exponential models, as opposed to polynomial
ones, is their small number of required fitting parameters. Combining polynomial
and exponential approaches, yields models that have only a small number of fitting
parameters, while still agreeing well with experimental liver data [Chui et al., 2004,
Marchesseau et al., 2017]. An example of such a combined model is the Veronda-
Westmann model, initially suggested by Veronda and Westmann [1970] for feline skin.

Figure 1.6 depicts different hyperelastic models (Neo-Hookean, 2-element Mooney-
Rivlin, Veronda-Westmann, and 3-element Yeoh), applied to the stress-stretch load-
ing part of bovine liver sample under uniaxial tension (see Appendix 3.8.1 [Ester-
mann et al., 2020b]). Both, the Yeoh and Veronda-Westmann strain energy func-
tions matched the experimental data very well, with coefficients of determination of
r2 = 0.9998 and r2 = 0.9980, respectively. However, the Veronda-Westmann model
requires only two fitting parameters, compared to three parameters, needed for the
Yeoh model.
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Table 1.1: Hyperelastic models with corresponding strain energy functions (for uniaxial tension and incom-
pressibility) that have previously been used for liver tissue in the given references.

Material model Strain energy function Material constants Reference

Neo-Hookean Ψ = c1(I1 − 3) c1 Chui et al. [2004],
Fu and Chui [2014]

Mooney-Rivlin Ψ = N
i+j>0 cij(I1 − 3)i(I2 − 3)j cij Umale et al. [2013],

Fu and Chui [2014]
Chui et al. [2004]

Ogden* Ψ = N
i=1

2ci
α2
i

(λαi + 2λ−αi/2 − 3) ci, αi Gao and Desai [2010],

Umale et al. [2013]

Yeoh Ψ = N
i=1 ci(I1 − 3)i ci Nafo and Al-Mayah [2021]

Fung-Demiray Ψ = c1
c2

ec2(I1−3) − 1 c1, c2 Chui et al. [2004]

Veronda-Westmann Ψ = c eβ(I1−3) − 1 − cβ
2
(I2 − 3) c, β Chui et al. [2004],

Roan and Vemaganti [2011]

* The strain energy function of the Ogden model depends on the principle stretches, instead of the strain
invariants. Thus, the given relation can not be directly inserted into Eq. 1.15.

Figure 1.6: True stress-stretch curve of a bovine liver sample during loading sequence (dashed line),
fitted with different hyperelastic models [Estermann et al., 2020b].
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1.3.2 Pseudohyperelasticity

Hyperelastic models match liver behaviour under uniaxial conditions well, consider-
ing loading (see Table 1.1). However, experiments, that include not only the loading
stress-strain behaviour but also the unloading part, exhibit hysteresis (Figure 1.7),
which is an indication of energy dissipation. Purely hyperelastic approaches assume
completely elastic material, meaning that loading and unloading would occur along
the same curve. Thus, pseudohyperelastic modelling was suggested by Fung et al.
[1979] for describing the hysteresis, observed in preconditioned cyclic tension of rab-
bit arteries. The loading and unloading parts of the stress-strain curve are thereby
treated separately with two distinct hyperelastic models, yielding two sets of material
parameters for their characteristic loading and unloading behaviour (Figure 1.7). Fung
et al. [1979] pointed out that pseudohyperelasticity can not be considered to be an
intrinsic material property, but rather a convenient method for describing the complex
mechanical behaviour of soft tissues under specific loading conditions.

strain
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Figure 1.7: Hysteresis between loading and unloading, signifying energy dissipation, observed for liver
tissue. According to the pseudoelastic model, the loading and unloading parts are modelled with
different characteristic parameters (e.g. claod, βload and cunlaod, βunload for the Veronda-Westmann
model).

1.3.3 Viscoelasticity

Viscoelastic materials respond to applied strains with time dependent stresses, due to
the composition of their internal structure. When a viscoelastic material is deformed,
the applied work, causing the deformation, is partially dissipated as heat and partially
stored as elastic energy. Thus, in a ramp loading-unloading sequence, the stress-strain
curve of the unloading part follows a different path, compared to the loading part
(Figure 1.7). For characterising viscoelastic properties, different testing modalities
can be applied.

• During repeated cyclic loading-unloading, for instance in form of a sinusoidal
strain, the stress-strain relation reaches a steady state after a certain number of
cycles. Plotted over time, the stress response is also sinusoidal with the same
frequency as the applied strain, but lagging behind by a phase δ (Figure 1.8a).
Since the phase lag is dependent on the excitation frequency, sine waves of differ-
ent frequencies are applied, which is referred to as dynamic mechanical analysis
(DMA).
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Figure 1.8: Typical behaviour of viscoelastic material, compared to the elastic material response,
during different loading conditions: (a) Dynamic sinusoidal strain; (b) Ramp tests with different
strain rates; (c) Constant strain, causing stress relaxation; (d) Constant stress, causing creep.

• Another typical characteristic of viscoelastic materials, is that their stress re-
sponse varies, depending on the applied strain rate. For instance, the viscoelastic
material might become stiffer in response to faster strain rates (Figure 1.8b).

• Furthermore, if the applied strain is held constant for a period of time, a decline
in stress can be observed, referred to as stress relaxation (Figure 1.8c).

• Likewise, if stress is applied and held constant, strain increases over time, referred
to as creep (see Figure 1.8d).

Linear viscoelasticity is generally measured, utilizing dynamic cyclic tests (dynamic
mechanical analysis), different strain rates, stress relaxation, or creep [Findley et al.,
1989, Lakes, 1998, Gutierrez-Lemini, 2014]. In this context, linear viscoelasticity means
that the viscoelastic properties are not dependent on the magnitude of loading up to
a certain limit of linear viscoelasticity. Special focus is placed on the methods DMA
and stress relaxation in this dissertation.

Dynamic mechanical analysis

Dynamic mechanical analysis (DMA) is the gold standard in assessing viscoelastic
properties, since the relevant properties can be directly extracted from the experi-
mental data, without requiring any additional models. A linear viscoelastic material,
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subjected to a uniaxial sinusoidal tensile strain ε(t)

ε(t) = εA sin(ωt) , (1.16)

with the amplitude εA and angular frequency ω, provokes a sinusoidal stress response
σ(t) with amplitude σA of the same frequency, but phase shifted by δ,

σ(t) = σA sin(ωt+ δ) , (1.17)

which can alternatively be written as

σA sin(ωt+ δ) = σA sin(ωt) cos(δ) + σA cos(ωt) sin(δ) . (1.18)

The first term in Eq. 1.18 is in phase with the applied strain, while the second term
is out of phase. Now, the storage modulus E′ and loss modulus E′′ are introduced
as a measure of the in phase (E′) and out of phase (E′′) contributions to the stress
response [Kelly, 2015] as

E′ =
σA
εA

cos(δ) (1.19)

and
E′′ =

σA
εA

sin(δ) , (1.20)

yielding the stress response,

σ(t) = εAE
′ sin(ωt) + εAE

′′ cos(ωt) . (1.21)

Figure 1.9a plots the stress and strain relation of a viscoelastic material, exposed
to steady state sinusoidal cyclic loading. For a completely elastic material there is
no phase lag between stress and strain, δ = 0: The storage modulus reduces to the
Young’s modulus E′ = σA

εA
, while the loss modulus disappears E′′ = 0, and the stress

response in Eq. 1.21 is completely in phase with the applied strain. In Figure 1.9a,
loading and unloading would occur along the same straight line, without hysteresis.
For a completely viscous fluid, the phase lag becomes δ = 90◦: The storage modulus
disappears E′ = 0, leaving only the loss modulus as E′′ = σA

εA
, and the stress response

is completely out of phase. A viscoelastic material has a phase lag between 0 − 90◦

and is dependent on the excitatory frequency ω. Typically, the phase lag is expressed
as the loss tangent

tan δ(ω) =
E′′(ω)
E′(ω)

. (1.22)

The time dependent stress and strain functions in Eqs. 1.16 and 1.17 can also be
written as complex exponential functions [Jalocha et al., 2015] with

ε∗ = εAe
iωt (1.23)

and
σ∗ = σAe

iωt+δ (1.24)

For the harmonic oscillation of the linear viscoelastic material, the frequency de-
pendent complex modulus E∗(ω) connects the strain and stress functions [Jalocha
et al., 2015], according to

E∗(ω) =
σ∗

ε∗
. (1.25)
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Figure 1.9: (a) Hysteresis loop for one cycle of sinusoidal loading during steady state cyclic testing;
(b) Complex modulus E∗, plotted with its real and imaginary components (storage E′ and loss E′′

modulus).

Inserting the strain and stress functions, as given in Eqs. 1.23 and 1.24, into 1.25 yields
the complex modulus as,

E∗(ω) =
σAe

iωt+δ

εAeiωt
=

σA
εA

eiδ

=
σA
εA

cos δ + i
σA
εA

sin δ ,

(1.26)

using Euler’s formula. Finally, the complex modulus (plotted in Figure 1.9b) can be
written as a complex quantity with its components being the storage modulus E′(ω),
according to Eq. 1.19, as real part and the loss modulus E′′(ω), according to Eq. 1.20,
as imaginary part,

E∗(ω) = E′(ω) + iE′′(ω) . (1.27)

Besides, E′(ω), E′′(ω), and tan δ(ω), the absolute value of the complex modulus

|E∗(ω)| = E′(ω)2 + E′′(ω)2 (1.28)

is also a commonly used viscoelastic material property.

Stress relaxation

Stress relaxation is observed when a viscoelastic material is strained with a constant
strain ε0 and is characterised by a decline in stress over a period of time σ(t). If a
tensile strain is applied instantaneously at t = 0, as a step function, the corresponding
stress immediately rises to σ(0) and then decreases. In this case, stress and strain are
related by the relaxation function E(t),

σ(t) = E(t)ε0 . (1.29)

The relaxation function E(t) is typically defined, using rheological models, consisting
of elastic spring elements with modulus Ei and viscous dashpot elements with viscosity
µi, arranged in parallel and serial configurations. The most simple rheological models
are the Maxwell and Kelvin models (Figure 1.10a–b), which consist of one spring
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E and one dashpot µ in series (Maxwell) and parallel (Kelvin), or the Zener model
which is a combination of the two (Figure 1.10c). Furthermore, the Zener model can
be extended by adding N more parallel Maxwell branches, yielding the generalised
Maxwell model (Figure 1.10d).

In parallel configurations, the strain is the same in all branches and stresses are
added up, while for elements in series, the strains are added up and the stresses of
the individual elements are the same. For instance, considering the Zener model, the
the overall strain ε and stress σ, expressed in terms of the model components (one
Maxwell element MW, parallel to the long-term spring element E∞) as

ε = ε∞ = εMW (1.30)

and
σ = σ∞ + σMW . (1.31)

Stress is related linearly to strain in the individual spring elements (σspring = Eiεspring)
and related linearly to strain rate in dashpot elements (σdashpot = µiε̇dashpot). In order
to insert the dashpot strain into Eq. 1.30, which occurs as a time derivative, Laplace
transformation is applied. In general, the Laplace transform of the function f(t) of
time t to f̄(s) of the complex variable s, is calculated with

f̄(s) =
∞

0
f(t)e−stdt . (1.32)

Stress of a spring element, accordingly, transforms to σ̄(s)spring = Eiε̄spring(s) and
stress of a dashpot element transforms to σ̄(s)dashpot = sµε̄dashpot in the Laplace
domain. Setting the Laplace variable s = iω (Laplace transform becomes equivalent
to Fourier transform), Eq. 1.30 can now be written as

ε̄(iω) =
σ̄∞(iω)

E∞
=

σ̄MW(iω)

E1
+

σ̄MW(iω)

iωµ1
. (1.33)

Next, σ̄MW(iω) from Eq. 1.31 is written in Laplace domain as

σ̄MW(iω) = σ̄(iω)− E∞ε̄(iω) , (1.34)

and inserted into Eq. 1.33. Reorganising in terms of the ratio between stress and strain
σ̄/ε̄, yields the complex modulus E∗ = E′ + iE′′, consisting of the real part E′ and
imaginary part E′′ [Lakes, 1998]:

σ̄(iω)

ε̄(iω)
= E∗(ω) = E∞ +

E2
1ω

2µ2
1

E2
1 + ω2µ2

1

+ i
E2

1ωµ1

E2
1 + ω2µ2

1

. (1.35)

Storage and loss stiffness E′(ω) and E′′(ω), utilizing relaxation times τ1 = µ1/E1, for
the Zener model are finally given by

E′(ω) = E∞ +
E1ω

2τ21
1 + ω2τ21

(1.36)

and

E′′(ω) =
E1ωτ1

1 + ω2τ21
(1.37)
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Figure 1.10: Common rheological models, used for describing material viscoelastic behaviour: (a)
Maxwell model; (b) Kelvin model; (c) Zener model; (d) Generalised Maxwell model.

with the ratio between the two yielding the loss tangent

tan δ(ω) =
E′′(ω)
E′(ω)

. (1.38)

Now considering the generalised Maxwell model with N Maxwell branches instead
of one, storage modulus an loss modulus, can be calculated in an equivalent way,
yielding

E′(ω) = E∞ +

N

i=1

Eiω
2τ2i

1 + ω2τ2i
(1.39)

and

E′′(ω) =
N

i=1

Eiωτi
1 + ω2τ2i

. (1.40)

In time domain, the relaxation function of the generalised Maxwell model E(t)
corresponds to a Prony series function with N elements [Findley et al., 1989],

E(t) = E∞ +

N

i=1

Eie
− t

τi , (1.41)

which can be fitted to experimental data of stress relaxation for identifying the rheo-
logical model parameters E∞, Ei, and τi. The obtained rheological model parameters
can subsequently be used for computing the viscoelastic properties E′, E′′, and tan δ
(Eq. 1.39, Eq. 1.40, and Eq. 1.38).

Creep, expressed as strain in terms of a function of time, is usually evaluated
analogously to stress relaxation, based on a suitable rheological model (Figure 1.10).
Similar to stress relaxation, creep methods have been utilized predominantly in shear
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[Kobayashi et al., 2017], compression [Kiss et al., 2004], or indentation [Kerdok et al.,
2006], as opposed to tension, concerning the viscoelasticity of liver tissue.

Strain rate approaches have been applied to evaluate liver viscoelasticity in tension
[Kemper et al., 2010, Lu et al., 2014, Dunford et al., 2018]. However, these studies do
not report linear viscoelastic properties (such as E′, E′′, and tan δ), but instead, how
failure stress and strain depend on the variation of strain rate.

In this dissertation, stress relaxation and DMA are applied in indentation and ten-
sion, in order to evaluate linear viscoelastic properties. In case of DMA, viscoelastic
properties E′(ω), E′′(ω), E∗(ω), and tan δ(ω) are typically measured for different fre-
quencies ω. When using rheological models for the interpretation of stress relaxation
tests, the viscoelastic properties E′(ω), E′′(ω), E∗(ω), and tan δ(ω) are calculated
for different ω. The comparison between viscoelastic properties, measured with the
two methods, is interesting: On the one hand, the above described stress relaxation
approach includes certain assumptions and simplifications, but is experimentally con-
venient for soft biological tissue in tension. On the other hand, DMA is the gold
standard in viscoelastic testing, but is connected to experimental difficulties [Ester-
mann et al., 2020b].

1.4 Mechanical testing of liver tissue

In this dissertation, liver tissue was tested with two different test setups: On the
one hand, macroindentation was conducted to mimic tissue manual palpation, and on
the other hand tensile tests were conducted to extract pseudoelastic and viscoelastic
properties on the material level. However, there are many challenges associated with
handling liver tissue during mechanical testing.

1.4.1 Challenges

Cutting uniform samples out of the whole liver is difficult, since the tissue is highly
deformable and the overall thickness of the organ is not constant (Figure 1.11a). Liver
parenchyma is highly vascularised, and if homogenous samples are required, large
blood vessels need to be avoided during sample production (Figure 1.11b). Previously,
authors have attempted to use frozen livers for extracting mechanical test specimen
[Tamura et al., 2002]. However, studies have shown that liver tensile mechanical
properties are influenced by freeze-thaw cycles [Ocal et al., 2010, Nguyen et al., 2012,
Lu et al., 2014]. Concerning compression and shear, the influence of freezing seems
to become negligible for liver [Tamura et al., 2002, Wex et al., 2014]. Furthermore,
non-frozen cooled storage up to one week before sample preparation does not seem to
alter liver mechanical properties [Duong et al., 2015], as opposed to other soft tissues,
such as spleen or kidney [Nguyen et al., 2012, Duong et al., 2015]. The reason why
liver properties are more robust against prolonged storage, compared to other soft
biological tissues, is the extremely low content of elastin in liver [Neuman and Logan,
1950]. Elastin autolysis seems to be the main reason for the deterioration of mechanical
properties in elastin-rich organs [Nguyen et al., 2012].

Besides sample preparation, fixation of liver samples in mechanical testing machine
is also challenging. For tensile tests, especially if the tissue is to be tested with large
strains until failure [Kemper et al., 2010], care must be taken to avoid slippage or de-
struction at the interface between tissue and clamp. For compression and indentation
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tests, unclear boundary conditions between compression plate or indenter and tissue
could cause problems in evaluating the data.

Furthermore, measured displacements, during tensile testing, should not be based
on the cross-head displacement of the machine alone, due to clamping effects and stiff-
ness of the testing machine. Instead, it is recommendable to utilise optical measuring
systems, such as digital image correlation (DIC) [Gao and Desai, 2010].

Finally, it should also be noted that in vitro testing neglects perfusion, which
most likely plays a significant role in such a highly vascularised and perfused tissue
as liver [Kerdok et al., 2006]. However, the scope of this dissertation was to assess
possible tissue replica materials and, therefore, the required material properties were
not extracted in vivo.

ca
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a) b)
parenchyma

blood vessels

Figure 1.11: (a) Whole porcine liver covered in hepatic capsule tissue; (b) Inner structure, consisting
of soft parenchyma tissue, revealed after cutting the liver open.

1.4.2 Indentation

Indentation typically relates the displacement h of an indenter tip, moving into a
sample, with the corresponding reaction force F (h) exerted by the material (see Fig-
ure 1.12a). The starting point, relative to which h is measured, is the undeformed
reference state (h = 0 and F (h) = F0). Based on resulting force-displacement curves
or force-time curves (for constant displacement), different structural mechanical prop-
erties can be extracted.

For identifying properties on a material level, force must be converted to stress and
displacement to strain, which requires assumptions, concerning the contact area and
interaction between sample and indenter. Selecting the appropriate contact model is
not a trivial problem, since indenter shape, surface roughness, and adhesion between
the sample and indenter can be incorporated into the model. Frequently used models
for indentation of soft biological tissue include the Oliver-Pharr model [Oliver and
Pharr, 1992] or the Hertzian model [Hertz, 1882, Fischer-Cripps, 1999].

Indentation-based strategies have previously been applied for mechanical testing of
liver tissue. For instance, scale-dependant mechanical properties of liver parenchyma
were evaluated, utilizing nanoindentation and macroindentation [Evans et al., 2013,
Wu et al., 2020]. Macroindentation differs from nanoindentation in that the utilized,
usually spherical, indenters are much larger, with diameters in the range of a few mil-
limetres. Previously, macroindentation has been used for simulating prostate palpation
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Figure 1.12: (a) Schematic overview of the indentation test; (b) Porcine liver sample, tested under
macroindentation

to identify tissue abnormalities [Carson et al., 2011, Ahn et al., 2012, Palacio-Torralba
et al., 2015] and in the context of developing virtual surgical training systems with
haptic feedback [Lim et al., 2009, Takács et al., 2017]. Figure 1.12b depicts a porcine
liver sample, exposed to macroindentation.

It should be noted, that indentation-based methods are susceptible to substrate
effects, stemming from the surface under the sample. To address this issue, the sample
must be sufficiently thick, in relation to the indentation depth. According to Carson
et al. [2011], prostate tissue can be indented with a macroindenter up to 30% sample
thickness, without measuring substrate effects. Furthermore, inhomogeneities within
the sample can influence the measurement. Therefore, samples should be homoge-
neous, considering the size scale of the indenter.

In general, macroindentation is a good method for comparing materials with each
other, that were tested with the same procedure on samples of the same geometry
[Zhao et al., 2020]. Due to the method being relatively simple, it can be applied to
samples of various sizes and shapes and allows testing biological tissues under different
environmental conditions (e.g. perfused or wet liver [Ottensmeyer et al., 2004, Kerdok
et al., 2006, Li et al., 2019]). For quantitatively describing mechanical properties of soft
tissues on a material level, tensile testing avoids some of the challenges of indentation.

1.4.3 Tensile testing

In tensile testing, a sample is generally fixed between two clamps, securing it to a
mechanical testing machine, and then exposed to uniaxial displacement (or force)
by movement of the machine cross-head (Figure 1.13). The responding force F (or
displacement) is measured and related to the subscribed quantity. Since the machine
displacement, uM, contains contributions from the machine stiffness and clamping
effects (e.g. sample slippage), displacements, uT, must be measured in the tissue,
preferably with non-contact methods. Digital image correlation is a practical method
for measuring displacements in soft tissues: A measuring length is defined with marker
pairs on the tissue sample, ensuring sufficient distance from the clamps to exclude non-
uniform displacements. The movement of these markers is tracked during testing by
a camera system, recording the current length l between the marker pairs. Relating
the change in length, in regard to the original measuring length l0, gives the tissue
displacement uT = l − l0. Generally, more than one marker pair is applied, in order
to verify whether displacements were, indeed, uniform along the sample width. See
Figure 1.13a for an overview of the measured and applied quantities and Figure 1.13b
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Figure 1.13: (a) Schematic overview of the tensile test with sticky markers placed on the clamped
sample for measuring tissue displacements; (b) Porcine liver sample in the testing machine with the
digital image correlation (DIC) system for measuring tissue displacements based on marker movement.

for an actual tensile test on a porcine liver specimen.
In soft tissue testing, tensile specimen are normally produced in shape of dogbones

or strips with constant width and thickness. Dogbone-shaped samples are recom-
mended for failure tests to ensure sample breakage in the measuring length, instead of
in the clamp region. However, the extremely compliant nature of liver tissue, makes
the cutting of dogbone samples very difficult [Kemper et al., 2010]. Tensile tests,
aiming at measuring stiffness or linear viscoelastic properties, can be conducted on
strip-shaped samples, since failure is usually not desired.

Previously, tensile failure stress and failure strain, at different strain rates, were
evaluated for liver parenchyma [Santago et al., 2009, Kemper et al., 2010, Nguyen
et al., 2012, Lu et al., 2014, Duong et al., 2015, Dunford et al., 2018] and the liver
capsule [Brunon et al., 2010]. Furthermore, uniaxial large strains were applied to liver
tissue for identifying hyperelastic material parameters [Chui et al., 2004, Gao and
Desai, 2010, Nguyen et al., 2012, Fu and Chui, 2014, Zhao et al., 2020]. However,
concerning liver viscoelastic properties, tensile tests have hardly been used in DMA,
stress relaxation, and creep methods [Chen et al., 2011].

In this dissertation, macroindentation and tensile testing were conducted on liver
tissue and artificial materials, applying ramp loading-unloading sequences, stress re-
laxation, and DMA, in order to extract elastic and viscoelastic properties.

1.5 Micromechanical model

In order to replicate tissue mechanical properties with artificial materials, a combi-
nation of different materials, in terms of composites, allows fine-tuning the effective
mechanical properties. Based on micromechanical models, the resulting properties of
composite materials can be predicted, depending on their microstructure, enabling
efficient material design for mimicking biological tissues.

In the context of continuum micromechanics, materials are considered as heteroge-
nous on a microscale, but homogenous for a sufficiently large volume of material which
is referred to as the macroscale. Homogenisation describes the modelling step for up-
scaling position-dependent quantities on the microscale to macroscopic average quan-
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tities, thereby replacing the heterogenous material with an equivalent homogenous
material.

Heterogenous materials typically exhibit microstructures that are too complex to
describe in their entirety. Instead, homogenous phases are defined on the microscale,
representing the constituents of the heterogenous material. For instance, the later-
described Mori-Tanaka model is applicable to matrix-inclusion-morphologies, where
one phase is embedded as ellipsoidal inclusions in a matrix of another phase. Phases
are characterised by their homogenous mechanical properties (e.g. stiffness tensors),
characteristic shape (e.g. spherical inclusions), spatial distribution, and volume frac-
tions.

Material phases are defined in representative volume elements (RVEs), which means
that properties given for the RVE are representative of the contained material in terms
of mechanical properties (Figure 1.14). For this to hold true, the characteristic length
of the RVE must be much larger than the characteristic length of the encompassed
inclusions [Zaoui, 2002],

lRVE ≫ linclusion . (1.42)

According to Drugan and Willis [1996], a factor of at least 3 between RVE size and
inclusion is sufficient. Furthermore, the characteristic length of the RVE must be much
smaller than the characteristic length of the overall geometry of a structure, composed
of RVE material,

lRVE ≪ Lstructure , (1.43)

and with that, much smaller than the fluctuations of loading acting on such a structure.
In particular, lRVE must be at least 5−10 times smaller than Lstructure [Kohlhauser and
Hellmich, 2013]. Heterogenous materials that contain inhomogeneities on multiple size
scales, can be treated within the same framework, using multi-step homogenisation.

Lstructure

lRVE

linclusion

Figure 1.14: Defining the size of a representative volume element (RVE) lRVE entails taking the size
of the inhomogeneities linclusion, as well as the overall size of the structure Lstructure, which is built up
of the inhomogeneous material, into account.
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1.5.1 Mean field homogenisation

Mean field homogenisation can be used to compute mechanical properties of composite
materials, based on average stress and strain fields in the individual material phases.
The most simple forms of mean field homogenisation are the Voigt [Voigt, 1887] and
Reuss [Reuss, 1929] models, while more sophisticated formulations, such as the Mori-
Tanaka model [Mori and Tanaka, 1973] or self-consistent scheme [Hill, 1965a], are
founded on the Eshelby inclusion problem [Eshelby, 1957].

An RVE of composite material, defined according to the previous section (Eqs. 1.42
and 1.43), consists of individual homogenous material phases r of volume fraction fr.
On the microscale level, the second order stress tensor σσσ(x) and strain tensor εεε(x) are
dependent on their position x within the RVE (see Figure 1.15). Averaging σσσ(x) and
εεε(x) over the volume of the RVE, VRVE, yields the homogenous average strain ⟨εεε⟩ and
stress ⟨σσσ⟩ on the scale of the RVE, according to

⟨εεε⟩ = 1

VRVE VRVE

εεε(x)dV =
r

frεεεr , (1.44)

and

⟨σσσ⟩ = 1

VRVE VRVE

σσσ(x)dV =
r

frσσσr , (1.45)

with εεεr and σσσr being the average strain and stress fields in each phase r [Zaoui, 2002].
If the homogenous strain boundary condition is applied, the displacements u(x) at

the RVE boundary ∂VRVE,

∀x ∈ ∂VRVE : u(x) = E · x , (1.46)

produce the homogenous strain field E. It can be shown, based on Eq. 1.46 and
Eq. 1.44, that the homogenous strain tensor E is equal to the strain average of the
RVE,

E = ⟨εεε⟩ , (1.47)

which is referred to as strain average theorem [Aboudi et al., 2013]. It should be noted
that for deriving Eq. 1.47, perfect bonding between the individual phases, signifying
continuous displacements at the interfaces, was assumed [Aboudi et al., 2013].

Instead, if surface tractions t are prescribed at the boundary of the RVE, the
homogenous stress boundary condition reads as

∀x ∈ ∂VRVE : t(x) = ΣΣΣ · n , (1.48)

with surface normal n to the boundary and the homogenous stress tensor ΣΣΣ. Similarly,
the stress average theorem can be derived, based on Eq. 1.48 and Eq. 1.45, showing
that the homogenous stress tensor ΣΣΣ is equal to the stress average of the RVE,

ΣΣΣ = ⟨σσσ⟩ . (1.49)

For deriving Eq. 1.49, continuous tractions at the phase interfaces were assumed.
Furthermore, the equilibrium relation

∀x ∈ VRVE : divσσσ(x) = 0 . (1.50)

was utilized, meaning that the stress tensor σσσ(x) inside the RVE was free of divergence,
which is only valid for absence of body forces [Aboudi et al., 2013].
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Figure 1.15: Stresses σσσ(x) and strains εεε(x) in the heterogenous material depend on their position
vector x, while stresses ⟨σσσ⟩ and strains ⟨εεε⟩ are averaged in the homogenised equivalent material with
effective mechanical properties Ceff.

In the context of mean field approaches, the average strain εεεr and stress σσσr of each
phase is related to the macroscopic strain E and stress ΣΣΣ via the 4th order strain
concentration tensor Ar and stress concentration tensor Br,

εεεr = Ar : E . (1.51)

and
σσσr = Br : ΣΣΣ . (1.52)

If the considered RVE consists of linear elastic phases, stress σσσr and strain εεεr within
the phases r are related via their 4th order phase stiffness tensor Cr,

σσσr = Cr : εεεr . (1.53)

Now, inserting Eq. 1.51 into Eq. 1.53, and subsequently into the stress average,
Eq. 1.45, yields

ΣΣΣ =
r

frCr : Ar : E , (1.54)

and, introducing the effective stiffness tensor Ceff (ΣΣΣ = Ceff : E),

Ceff =
r

frCr : Ar . (1.55)

The strain concentration tensors Ar, associated with the individual phases r, can
then be calculated based on the analytical solution for a single ellipsoidal inclusion,
embedded in an infinite medium (assuming perfect bonding), which is referred to as
the dilute case [Eshelby, 1957]. For higher inclusion volume fractions, the dilute case
can be extended to the non-dilute case, using for instance the Mori-Tanaka model
for matrix-inclusion morphologies [Mori and Tanaka, 1973, Benveniste, 1987] or the
self-consistent scheme for polycrystalline materials [Hill, 1965a]. Finally, the resulting
effective stiffness tensor Ceff is dependent on the phase volume fractions fr, mechanical
properties Cr, characteristic shapes (spheres, ellipsoids, fibres, disks, etc.), and the
interactions between the phases (e.g matrix-inclusion or polycrystalline).

For the Mori-Tanaka model, the effective stiffness tensor of a material, consisting of
one inclusion phase i in a matrix phase m, results in [Hill, 1965b, Laws, 1975, Hellmich
et al., 2004],

Ceff = fmCm + fiCi : [I+ Pi,m : (Ci − Cm)]−1 : fmI+ fi[I+ Pi,m : (Ci − Cm)]−1
−1

, (1.56)
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with volume fractions, fi and fm, stiffness tensors, Ci and Cm, and fourth order unity
tensor I. The Hill tensor Pi,m describes the interaction between inclusion phase i,
embedded in a fictitious unbounded homogenous matrix with stiffness Cm, and depends
only on the characteristic shape of the inclusions and the matrix stiffness. It should
be noted that Pi,m is only defined for ellipsoidal inhomogeneities, including extreme
cases of ellipsoids, such as fibres and spheres. In case of spherical inclusions, the Hill
tensor can be calculated analytically, resulting in [Eshelby, 1957, Parnell, 2016]

Pi,m =
1

3km + 4µm
J+

3km + 6µm

5µm(3km + 4µm)
K , (1.57)

with km and µm being the bulk and shear modulus of the matrix material, and J and
K being the volumetric and deviatoric part of the unity tensor I (Jijkl = 1

3δijδkl with
Kronecker delta δij and K = I− J.)

1.5.2 Correspondence principle

The elastic-viscoelastic correspondence principle allows extending the relations, de-
rived in the previous section for linear elastic material phases, to linear viscoelastic
phases, using the Laplace-Carson transform [Hashin, 1970]. In the homogenous vis-
coelastic phases r, the stress response σσσr(t) is dependent on the strain history with
a fading-memory effect. Mathematically, stress at time t can be expressed, using the
Boltzmann superposition principle [Hashin, 1965]

σσσr(t) =
t

−∞
Cr(t− t′) :

∂εεεr(t
′)

∂t′
dt′ , (1.58)

with t′ being the times at which strain changes occurred. For harmonic excitation, the
strain tensor can be written as

εεεr(t) = εεεce
iωt , (1.59)

with the time independent tensor εεεc, which can have real and complex components,
and angular frequency ω. Inserting Eq. 1.59 into Eq. 1.58, yields

σσσr(t) = iω
t

−∞
Cr(t− t′) : εεεceiωt

′
dt′ . (1.60)

The subsequent change of variable, t− t′ = v, turns Eq. 1.60 into [Hashin, 1970]

σσσr(t) = iωeiωt
∞

0
Cr(v) : εεεce

−iωvdv . (1.61)

Remembering the definition of the Laplace-Carson transform, fLC(p), of a function
f(t),

fLC(p) = p
∞

0
f(t)e−ptdt , (1.62)

and comparing with Eq. 1.61, yields a relation of stress and strain for the linear
viscoelastic material (with p = iω), that is formally equivalent to the linear elastic
material (Eq. 1.53):

σσσr(t) = CLC
r : εεεr(t) . (1.63)
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For harmonic excitation, the transform variable p = iω and the Laplace-Carson trans-
formed stiffness tensor CLC

r (ω) can be written in terms of the Laplace transformed
stiffness tensor CL

r (ω) as

CLC
r (ω) = iωCL

r (ω) = C∗
r(ω) , (1.64)

resulting in the complex frequency-dependent stiffness tensor C∗
r(ω), whose compo-

nents consist of complex material properties [Lakes, 1998, Tschoegl et al., 2002, An-
dreasen et al., 2014]. For instance, a linear viscoelastic isotropic material has the
complex stiffness tensor (written in Kelvin notation),

C∗
r (ω) =

E∗
r

(1 + ν∗r )(1− 2ν∗r )

⎛⎜⎜⎝
1−ν∗r ν∗r ν∗r 0 0 0
ν∗r 1−ν∗r ν∗r 0 0 0
ν∗r ν∗r 1−ν∗r 0 0 0
0 0 0 1−2ν∗r 0 0
0 0 0 0 1−2ν∗r 0
0 0 0 0 0 1−2ν∗r

⎞⎟⎟⎠ , (1.65)

with the complex frequency-dependent tensile modulus E∗
r = E∗

r (ω) and Poisson’s
ratio ν∗r = ν∗r (ω) of the phases.

Applying homogenous displacements at the RVE boundary (according to Eq. 1.46)
yields an analogous relation to Eq. 1.63 for relating the macroscopic homogenous stress
and strain:

ΣΣΣ(t) = C∗
eff(ω) : E(t) , (1.66)

introducing the macroscopic complex stiffness tensor C∗
eff(ω). Now, inserting complex

phase stiffness tensors C∗
r(ω) into relations derived in section 1.5.1, yields the equivalent

expressions for the effective complex stiffness tensor

C∗
eff(ω) =

r

frC∗
r(ω) : Ar (1.67)

and for the Mori-Tanaka model for the inclusion-matrix morphology,

C∗
eff(ω) = fmC∗

m(ω) + fiC∗
i (ω) : [I+ Pi,m : (C∗

i (ω)− C∗
m(ω))]

−1 :

fmI+ fi[I+ Pi,m : (C∗
i (ω)− C∗

m(ω))]
−1

−1
.

(1.68)

The homogenised complex tensor C∗
eff(ω) can be calculated for various material

combinations, for instance to simulate composites with different inclusion volume
fractions and complex stiffness tensors. For spherical inclusions, Eq. 1.68 consists of
completely analytical expressions. Therefore, extremely fast estimation of composite
viscoelastic properties is possible.

1.6 Objectives

The main objective of this dissertation is to define materials that are suitable for cre-
ating soft tissue anatomical models with realistic mechanical properties, concentrating
specifically on liver tissue.

To achieve this, rigorous examination of liver mechanical properties is required, us-
ing various methods in the context of non-linear and viscoelastic behaviour. Macroin-
dentation can be applied for assessing structural properties, while tensile testing yields
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material properties. Besides animal liver, human liver (fresh and Thiel preserved) must
also be characterised with some of the developed methods.

Furthermore, a variety of artificial alternatives to biological liver tissue, such as
silicones and 3D printed polymers, need to be tested, in order to identify which ar-
tificial materials best mimic liver tissue. Combining different materials by creating
composites is proposed, in order to adapt their effective mechanical properties and
improve similarity to liver.

Finally, a micromechanical model is required for computing effective viscoelastic
properties of the composites, in order to predict how well, resulting mechanical prop-
erties would correspond to liver and other soft biological tissues. The micromechanical
model can be used as a design tool for creating tissue-mimicking microstructures, using
artificial materials as input.

1.7 Dissertation outline

The outline of this dissertation is as follows. First, a general introduction and re-
search motivations are given in the current chapter (Chapter 1), presenting relevant
background information on anatomical models, liver anatomy and biomechanics, and
micromechanical modelling. Next, the subsequent four chapters (Chapters 2–5) con-
sist of scientific papers, containing the original research of this dissertation and how
the objectives introduced in Chapter 1 were addressed.

• Chapter 2 deals with tactile properties of porcine and bovine liver tissue, in
comparison with, potentially tissue-mimicking, artificial materials. One main
question of this study was, which mechanical properties play a key role in the
tactile perception of soft tissue. For this reason, macroindentation experiments,
with the indenter simulating a finger, were conducted on liver tissues and the
different substitute materials. Elastic, viscoelastic, and hardness properties were
extracted and a method for comparing materials with each other was found by
introducing the “tactile similarity error”. The lowest tactile similarity error,
signifying good agreement between an artificial material and liver tactile prop-
erties, was found for a super-soft silicone elastomer. However, the results also
indicated that combining different materials could be a more promising strategy
for representing liver parenchyma than using bulk materials alone.

• Chapter 3 is focussed on the viscoelastic characterisation of liver tissue on a mate-
rial level, while in the previous chapter properties were evaluated on a structural
level. Tensile tests were conducted on bovine and porcine hepatic parenchyma
under different loading conditions (ramp loading and unloading, stress relax-
ation, and dynamic cyclic strains). Pseudohyperelastic modelling was utilised
for the ramp loading and unloading data. Viscoelasticity was evaluated, based
on complex frequency dependent tensile moduli for stress relaxation, as well as
for dynamic cyclic data. The complex moduli, stemming from the different test
methods were compared with each other, asking whether results from the more
simple stress relaxation tests could approximate the results from dynamic cyclic
testing. The aim of this study was to find simple methods for assessing liver
linear viscoelasticity on a material level, using tensile tests. It was found that
complex moduli from stress relaxation were similar to the results of dynamic
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cyclic testing, but that it was crucial to heed the elastic non-linear behaviour of
liver and conduct all tests at the same level of strain.

• Chapter 4 applies some of the methods, developed in the previous chapter, to
human fresh and Thiel preserved hepatic parenchyma. Resulting pseudohyper-
elastic and viscoelastic properties were compared to results from the previous
chapter for porcine and bovine tissue. It was investigated to what extent Thiel
preservation influences the properties of fresh human liver and how human and
animal liver differ from each other, in the context of elastic and viscoelastic me-
chanical properties. The main question was which biological substitute material
(Thiel embalmed human tissue or animal derived fresh tissue) best represents
fresh human parenchyma tissue. The results showed that finding a perfect substi-
tute depends on which mechanical properties are important for the application.
For instance, concerning elastic properties, bovine fresh liver was most similar
to human fresh liver, while, considering viscoelastic properties, Thiel preserved
liver was more suitable.

• Chapter 5 combines results from all the previous chapters, with the aim of design-
ing artificial microstructure materials that exhibit similar effective viscoelastic
properties as soft biological tissues. A viscoelastic Mori-Tanaka model (vMTM)
was utilized for homogenising viscoelastic properties (e.g. complex moduli) of
matrix-inclusion-type composites, consisting of different soft viscoelastic silicone
elastomers. The input properties for the phases (matrix and inclusions) were
found by conducting stress relaxation compression testing on selected silicones,
whose properties had seemed promising in Chapter 2. Composite samples, us-
ing the respective silicones, were also tested to validate the model predictions
experimentally. Furthermore, additional highly viscous silicones were considered
in the vMTM, with their viscoelastic properties taken from literature. Finally,
the effective viscoelastic properties, predicted by the vMTM for various silicone
combinations, were compared to the corresponding properties of soft biological
tissues (e.g. the viscoelastic properties found for liver in Chapters 4 and 5).
This strategy allowed designing suitable composite materials, concerning mate-
rial choice and inclusion volume fractions, to match the viscoelastic properties
of soft biological tissues.

Finally, the last chapter is dedicated to summarising main findings, concluding re-
marks, and suggestions for future research (Chapter 6).
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Tactile properties of liver tissue

From the manuscript:

Quantifying tactile properties of liver tissue, silicone
elastomers, and a 3D printed polymer for manufacturing

realistic organ models

S.-J. Estermann, D. H. Pahr, A. Reisinger

Published in: J. Mech. Behav. Biomed. Mater. 104:103630, April 2020

Abstract

In order to produce anatomical models that feel realistic to the touch, artificial materi-
als need to be found that mimic tactile properties of biological tissues. The aim of this
study was to provide a guideline for identifying materials that feel similar to biological
tissues, based on a quantifiable and reproducible measure. For this, a testing procedure
was developed to identify mechanical properties that contribute to tactility. Bovine
and porcine liver tissues were compared to different silicone elastomers and a soft 3D
printed polymer. Macroindentation was chosen to simulate the palpation of material
cubes with loading occurring during actual finger and material interaction. Elastic be-
haviour was considered by conducting quasistatic loading and unloading for extracting
contact stiffness S and equivalent spring stiffness k. Viscoelasticity was quantified by
means of force relaxation for calculating loss tangent tan δ based on a Prony series
approach. Furthermore, Shore 00 hardness H was measured with a hand-held durom-
eter. For assessing how well materials mimicked liver in terms of tactile properties, a
mean error of all measured properties was introduced, referred to as tactile similarity
error Q. The 3D printed polymer exhibited the highest error (Q = 100− 150%), while
the material with the lowest error – thus representing liver best – was a super-soft sil-
icone elastomer (nominal hardness of 30 Shore Units) with Q = 50%. In conclusion,
a suitable material was found that best represented liver. However, the relatively high
tactile similarity error, even for the best material tested, indicates that there is still
room for improvement concerning material choice.

28
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Keywords: tactile properties; liver; silicone; additive manufacturing; Macroindenta-
tion

2.1 Introduction

Artificial models are desirable substitutes for real biological tissues and organs for
applications in research, medical training, and teaching. Ethical concerns and avail-
ability issues related to organs derived from human donors or animals promote the
use of phantoms [Leibinger et al., 2016]. However, accurately mimicking tissue me-
chanical properties is a challenge, resulting in organ models that are frequently made
of hard plastics exhibiting mechanical properties vastly different compared to actual
tissues. These hard models may be useful in the context of visualising and explaining
certain anatomical features, but are unsuitable for practising surgeries or testing med-
ical devices, as realistic cutting, suturing, and dissecting is not possible. Furthermore,
the training of manual palpation for distinguishing healthy from pathological tissue
requires models with accurate tactile properties.

Liver tissue, in particular, is interesting to study regarding tactile properties: Ac-
curate hepatic models would contribute to improved surgical planning and training of
procedures such as laparoscopic cholecystectomy [Tang et al., 2005] and partial resec-
tion of the liver [Reitinger et al., 2006]. On organ level, liver – the largest gland in
the human body – consists of very soft parenchyma, a network of blood vessels and
bile ducts, as well as a tough capsule. Hepatic parenchyma tissue is homogeneous and
isotropic [Chatelin et al., 2011] and one of the softest tissues in the human body with
an elastic modulus of around 0.6 kPa [Yeh et al., 2001]. The liver capsule, however,
is much stiffer, ranging at around 10 – 40 MPa, depending on applied strain rate and
tissue origin [Snedeker et al., 2005, Hollenstein et al., 2006, Brunon et al., 2010]. Apart
from elastic characteristics [Chen et al., 1996, Barnes et al., 2007, Brunon et al., 2010],
liver tissue also exhibits viscoelasticity [Kiss et al., 2004, Snedeker et al., 2005, DeWall
et al., 2012] as do many other biological tissues, such as cartilage [Lamela et al., 2013,
Espino et al., 2014], brain [Fallenstein et al., 1969, Budday et al., 2017], and prostate
[Zhang et al., 2008].
Instead of using human derived liver in research and education, animal tissue is of-
ten preferred due to its easier availability. However, mechanical properties can vary
between human and animal tissues. While failure strain of porcine and human liver
parenchyma is very similar, failure stress is significantly higher for porcine tissue [Kem-
per et al., 2010]. This difference is attributed to the distinct structure of porcine liver
parenchyma: The functional tissue units in porcine liver are separated by interlob-
ular collagenous septa, unlike in human liver. When comparing human and bovine
parenchyma, Kemper et al. [2010] found no significant difference regarding failure
stress and strain, owed to the structural similarity of human and bovine parenchyma.
Thus, porcine as well as bovine liver tissue can be considered as a reasonably accu-
rate models for human hepatic tissue. Ethical aspects, however, are still a compelling
reason for using artificial substitutes for human liver instead of biological animal mod-
els. Furthermore, mechanical properties of artificial tissue mimicking materials can
be more accurately controlled and adjusted depending on model requirements. For
example, specific mechanical conditions, such as pathological stiffening of the liver
tissue, could be recreated with artificial materials.

In order to mimic liver tissue, potential materials include soft compliant substances
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such as silicones, gelatine, or hydrogels. Silicone elastomer appears to be a promis-
ing candidate, due to its versatility, covering a large range of Young’s modulus and
hardness, as well as relatively good preservability. Furthermore, silicone has been con-
sidered for experimental additive manufacturing processes [O’Bryan et al., 2017, Qiu
et al., 2017, Pusch et al., 2018], an excellent method for controlling material structure,
both on a macroscopic and microscopic level. On a macroscopic level, additive man-
ufacturing allows anatomically accurate models that can be reliably reproduced in a
standardised fashion or patient/pathology specific based on medical imaging [Rengier
et al., 2010]. Structural control on a microscopic level enables tuning of material
properties, such as increasing damping behaviour by adapting the microstructure [An-
dreasen et al., 2014].

While silicone 3D printing is still in its infancy, some commercially available ad-
ditive manufacturing systems working with photopolymers are capable of producing
flexible materials. The multimaterial printer Objet500 Connex3 (Stratasys Ltd., Eden
Prairie, Minnesota), for instance, has previously been used for liver [Zein et al., 2013]
as well as cardiovascular models [Izzo et al., 2016]. The utilized material is branded as
TangoPlus and is described as “rubber-like” by the manufacturer. TangoPlus, being
the softest material available on this system (nominal Shore A hardness of 26 – 28),
combined with the structural controllability provided by additive manufacturing, is
considered as a potential tissue mimicking material.

Tactile properties are not straightforwardly defined due to the complexity of the
human sensing experience. The large variety of mechanoreceptors involved in tactile
sensing allows the registration of many different properties during haption: Temper-
ature, roughness, and wetness for instance, but also bulk properties such as hardness
and viscoelasticity [Dargahi and Najarian, 2004]. Thus, when assessing mechanical
material properties that determine tactile perception, elastic as well as viscoelastic
considerations are necessary [Klatzky et al., 2013]. Experimental evaluation of this
time-dependant behaviour can be performed in two ways: dynamic mechanical anal-
ysis (DMA), and force relaxation or creep testing. In DMA, a viscoelastic material is
cyclically loaded yielding a mechanical response that is separated by the phase angle
δ while the frequency of the displacement and force signals is the same, given linear
viscoelasticity. Force relaxation registers the force decline over time when displace-
ment is kept constant and creep is the change in displacement when a constant force
is applied [Findley et al., 1989]. However, the results of both experimental approaches
– DMA and relaxation/creep – are equivalent to one another.
Macroindentation on soft biological tissues has previously been used as material char-
acterisation method for measuring stiffness in the context of optimising tactile feedback
in teleoperation systems [Lim et al., 2009, Takács et al., 2016] and instrumented palpa-
tion for distinguishing pathological from healthy tissues [Carson et al., 2011, Palacio-
Torralba et al., 2015]. Ahn et al. [2012] proposed a method that simulates palpation
of prostate tissue for identifying tissue abnormalities with a round-tip indenter per-
forming a sweeping motion on tissue phantoms containing inclusions. Carson et al.
[2011] indented ex vivo human prostate samples quasistatically with a spherical in-
denter perpendicular to the surface, finding that healthy tissue had a lower stiffness
compared to cancerous tissue. Ottensmeyer et al. [2004] conducted creep testing on
whole pig livers with a flat faced punch indenter for characterising the influence of
perfusion on viscoelasticity based on strain-time curves. Macroindentation was con-
ducted on soft silicone elastomer by Chen et al. [2013], extracting stiffness according
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to the Oliver-Pharr method from a quasistatic loading-unloading sequence as well as
assessing viscoelasticity via cyclic testing. According to Chen et al. [2013], the tested
silicone behaved highly elastic with negligible viscosity.

Overall tactile similarity of materials can be rated by subjective human palpation
[Cheung et al., 2014, Lozoya, 2016, Takács et al., 2017]. However, in order to assess the
suitability of a tissue mimicking material in a quantifiable and objective way, it would
be greatly beneficial if the different measured properties were combined in an overall
score describing tactile accuracy. Similar research has been conducted regarding the
structural similarity of native bone and bone grafts, based on medical imaging and
mechanical testing [Falvo D’Urso Labate et al., 2016]. The authors introduced a
weighted average of differences of bone and graft properties related to graft suitability.

No study to our knowledge has combined different measured properties that de-
scribe tactility in terms of an overall tactile similarity error. We address this issue
by extracting elastic properties from quasistatic macroindentation and viscoelastic
properties from force relaxation, as well as measuring Shore hardness of porcine and
bovine liver, different silicone elastomers, and a commercially available 3D printed soft
polymer. The combined discrepancy concerning elasticity, viscoelasticity, and Shore
hardness of synthetic materials compared to liver properties is introduced as tactile
similarity error for assessing how well an artificial material mimics liver in terms of
tactile properties.

2.2 Materials & methods

2.2.1 Sample preparation

Nine whole porcine livers and one bovine liver were obtained from animals slaughtered
less than 24 hours prior to purchase. Whole livers were stored at 4◦ C submerged in
0.9% NaCl saline solution until cube-shaped samples (30×30×30 mm) were cut with a
sharp knife and a surgical blade, avoiding large blood vessels and bile ducts. Between
1 and 4 samples were extracted from each porcine liver. The bovine liver being much
larger than porcine liver yielded 18 samples from one single organ. Porcine samples
(n = 18) consisted of parenchyma covered with capsule tissue at the top and bottom
surface of the cube, while bovine samples (n = 18) only exhibited capsule at the top
surface (see Fig. 2.1a) due to the larger thickness of the organ. Cut samples were kept
hydrated at all times by wrapping them in saline solution soaked cloth before testing.
The samples were never frozen and testing was conducted immediately after sample
preparation at room temperature (approximately 23◦ C).

Concerning artificial tissue-mimicking materials, three inherently soft silicones, a
slightly harder silicone, and a 3D printed photopolymer were selected. Furthermore,
the soft silicones were used for producing layered samples, combining two types of
silicone, and the harder silicone was softened by adding silicone oil in different volume
fractions. By selecting a variety of materials we aimed at potentially covering a wide
range of material properties for consideration as hepatic models.

Silicone samples were cast in a 3D printed mould made of polylactic acid and air
bubbles were removed by degassing in a vacuum desiccator. Super-soft two-component
Room-Temperature-Vulcanising (RTV) silicone elastomers of three different nominal
Shore 00 hardness values (Ecoflex 00-30, Ecoflex 00-20, and Ecoflex 00-10 by Smooth-
On Inc., Macungie, Pennsylvania) were chosen due to them being marketed as tissue
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Figure 2.1: Experimental overview with (a) schematic description of the tested samples (porcine and
bovine liver, super-soft Ecoflex silicones, layered samples 00-313, ZA13 silicone with different silicone
oil concentrations, and TangoPlus; b) testing procedure consisting of shore hardness measurement
H and macroindentation with the extracted parameters (k, S, and tan δ), and (c) calculation of the
tactile similarity error Q based on the measured properties
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mimicking by the manufacturer. Additionally, samples were produced that consisted of
a 20 mm layer of 00-10 silicone sandwiched between two 5 mm layers of 00-30, referred
to as “00-313” samples. Furthermore, a slightly harder Shore A two-component RTV
silicone (ZA13 Mould WT45, Polymerschmiede GmbH, Mönchengladbach, Germany)
was selected, aiming at reducing its hardness by adding silicone oil in different volume
fractions (0%, 10%, 20%, and 30%), thus providing flexibility of adapting material
properties. Silicone samples were left to fully harden for 48 hours before mechanical
testing and their sample number was n = 18 for each silicone type. Schematic overview
of the samples is represented in Fig. 2.1a.

The Objet500 Connex3, a polyjet multimaterial printer (Stratasys Ltd., Eden
Prairie, Minnesota), was utilized for producing n = 9 samples of TangoPlus, the
softest material available on this system. TangoPlus is described as rubber-like by
the manufacturer and has previously been used for hepatic and cardiovascular models
[Zein et al., 2013, Izzo et al., 2016]. Mechanical testing of TangoPlus was conducted
48 hours after additive manufacturing (AM) was completed. Pretests were conducted
to assess the influence of printing layer orientation: Macroindentation showed no sig-
nificant difference for samples indented parallel versus perpendicular to the printing
direction. Subsequently, results for TangoPlus are reported for indentation occurring
orthogonal to the layer orientation (Fig. 2.1a).

Dimensions and weight of all samples were measured before mechanical testing.

2.2.2 Mechanical testing

Shore hardness Utilizing an analogue durometer (ZwickRoell GmbH & Co. KG,
Ulm, Germany), the Shore 00 hardness H given in Shore Units (SU) according to
the ASTM D2240-00 standard was recorded 3 times for each sample (excluding 00-10
which was too soft for the Shore 00 hardness scale). Shore hardness is widely used
for characterising silicone elastomers and other synthetic materials by providing a
straightforward method for comparing materials.

Macroindentation Concerning more elaborate mechanical testing, a large spherical
indenter was chosen to mimic the shape of an adult index finger for indenting the tested
materials at loads comparable to those applied when a surface is touched. The indenter
consisted of a 15 mm diameter steel sphere attached to a 140 mm long and 8 mm
diameter steel rod (see Fig. 2.1b), which in turn was screwed into the bottom end of
the S-type load cell (S2M/100N, Hottinger Baldwin Messtechnik GmbH, Darmstadt,
Germany). A second steel rod, screwed into the top end of the load cell was mounted
in the upper clamp of the LTM5 electrodynamic testing machine (ZwickRoell GmbH
& Co. KG, Ulm, Germany). Reaction force F of the material during the indentation
was measured with the 100 N single axis load cell which was connected to the universal
data acquisition module QuantumX MX840B (Hottinger Baldwin Messtechnik GmbH,
Darmstadt, Germany). Linear displacement of the testing machine h and force were
measured at a frequency of 100 Hz. The samples were placed on sandpaper to avoid
slipping while indentation occurred. In Fig. 2.1b a porcine liver sample during testing
is depicted with a schematic description of the measured quantities. Liver samples were
kept well hydrated by wetting with saline solution throughout the experiment. Testing
was conducted without preconditioning as would be the case in human palpation or
during surgical manipulation, as suggested by Brown et al. [2003].
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According to Nicholson et al. [2003], who researched tactile properties in the con-
text of spinal palpation done by manual therapists, elasticity and viscosity are two
properties that contribute to the overall perception of spinal stiffness. Therefore, it is
important to quantify elastic as well as viscous properties of biological tissues when
describing what they feel like. For this, two types of experiments were conducted:
quasistatic ramp loading and force relaxation.

Quasistatic ramp loading The first set of experiments consisted of quasistatic
loading and unloading for obtaining an elastic material response, conducted on 9
samples of each material. After placing the sample centrally on the testing platform,
the indenter tip was lowered until a small force of 0.1 N was recorded signifying contact
between surface and indenter. The loading protocol was based on mimicking a human
finger palpating the material: loading up to 5 N conducted in a quasistatic fashion
at 5 mm/min and subsequent immediate unloading at the same speed. The upper
limit of loading was defined in terms of a force instead of a displacement, given that
mechanoreceptors in the fingertip translate mechanical forces into excitatory electrical
signals [Abraira and Ginty, 2013]. 5 N was chosen as peak force due to estimations
concerning the magnitude of forces when surfaces are touched for evaluating material
properties.

Two different mechanical properties were extracted from the measured data due to
the non-linearity of the force-displacement curves (see Fig. 2.2a). First, the equivalent
spring stiffness k quantifies stiffness in terms of an equivalent linear elastic material.
Second, contact stiffness S characterises the purely elastic material response during
unloading, excluding any plastic effects which may occur during loading. Thus, a
combined evaluation of S and k yields a good characterisation of elastic behaviour.

Equivalent spring stiffness k was calculated by dividing force F (hmax) (in N) by
displacement hmax (in mm) at the point of maximum indentation (see Fig. 2.2a):

k =
F (hmax)

hmax
. (2.1)

Contact stiffness S, analogously to the Oliver-Pharr stiffness [Oliver and Pharr, 1992,
Carson et al., 2011], is here defined as

S =
dF

dh
(hmax) , (2.2)

the ratio of the change in force to the change in displacement during the initial phase
of unloading, as depicted in Fig. 2.2a. Force depending on displacement F (h) was
approximated by fitting the power law function

F (h) = c1h
c2 + c3 , (2.3)

through the unloading part of the force-displacement curve with c1, c2, and c3 being
fit parameters. Non-linear least squares method was implemented with a Levenberg-
Marquardt algorithm for curve fitting [Marquardt, 1963], the initial parameters for
starting optimisation being c1 = 1, c2 = 1, and c3 = 0. For evaluating goodness of
fit, the root-mean-square error (RMSE) of fit values compared to experimental values
was calculated.
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Figure 2.2: Typical porcine sample curves for (a) force-displacement of quasistatic test, depicting
measured data (dotted line) and curve fitted to the unloading part (solid line), with contact stiffness
S and spring stiffness k; and (b) measured relaxation force plotted over time (dotted line) and the
corresponding Prony series fitted curve (solid line)

Force relaxation In a separate set of experiments, force relaxation via macroin-
dentation was performed in order to evaluate viscoelastic properties in terms of the
loss tangent tan δ. For each material, 9 samples (which were not the same samples as
the ones exposed to quasistatic loading except for TangoPlus) were tested. In the case
of TangoPlus, quasistatic testing was performed an hour prior to force relaxation on
the same set of samples, due to restricted sample availability. However, deformations
being in the non-damaging range allowed this procedure.

Contact of sample and indenter was established at a registered force of 0.05 N
and the test was started subsequently. Step-like loading was applied rapidly, reaching
the target indentation of 5 mm in under 0.1 s, followed by a period of holding the
displacement for 900 s while recording force relaxation (see Fig. 2.2b).

In the idealised case of the instant application of a step displacement h0, the force
F over time t is related to h0 through the transfer function of force relaxation k(t)
according to

F (t) = k(t)h0 . (2.4)
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Figure 2.3: Generalised Maxwell model, consisting of a spring representing long-term stiffness k∞ and
N parallel Maxwell elements with spring stiffness k1, k2, ... kN and respective dashpot viscosities d1,
d2, ... dN

Utilizing Prony series, k(t) can be approximated as

k(t) = k∞ +

N

i=1

kie
− t

τi , (2.5)

with k∞ being the long term stiffness, ki the Prony series coefficients, and τi the relax-
ation times, while N determines the number of Prony terms [Gutierrez-Lemini, 2014].
The corresponding rheological model is the generalised Maxwell model described in
Fig. 2.3, consisting of the spring k∞, parallel to N Maxwell elements with spring
stiffness ki and dashpot viscosities di [Findley et al., 1989].

Expressing k∞ in Eq. 2.5 in terms of the initial stiffness k0 exhibited at the starting
point of the holding phase by

k∞ = k0 −
N

i=1

ki , (2.6)

yields

k(t) = k0 −
N

i=1

ki(1− e
− t

τi ) . (2.7)

N = 3 Prony elements were chosen as suggested by Ocal et al. [2010] and as supported
by the considerations described in 2.8.1. k0 was calculated directly from the measured
data as the material stiffness at the instance of applying the hold displacement. k1,
k2, and k3, as well as d1, d2, and d3 result from fitting Eq. 2.7 to the experimental
data of the relaxation curve using non-linear least squares method with a trust-region
algorithm; fit parameters are thereby limited to positive values. Storage and loss
stiffness k′ and k′′ of the generalised Maxwell model, as described by Gutierrez-Lemini
[2014], are given by

k′ = k∞ +
N

i=1

kiω
2τ2i

1 + ω2τ2i
(2.8)

and

k′′ =
N

i=1

kiωτi
1 + ω2τ2i

, (2.9)
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where ω is the frequency and τi = di/ki are relaxation times, with the ratio k′′/k′

yielding the loss tangent tan δ depending on ω:

tan δ =
k′′

k′
=

N

i=1

ωdik
2
i

k∞(k2i + ω2d2i ) + ω2kid2i
. (2.10)

Estimation of poking frequency when a material is probed by humans, suggested the
calculation of tan δ for 1 Hz in Eq. 2.10. The loss tangent is independent of sample or
indenter geometry and, therefore, can be considered a material property as well as a
structural one [Wilcox et al., 2014].

2.2.3 Data analysis

We propose a standardised tactile similarity error Q, simplifying the comparison of
all 4 measured properties (S, k, H, and tan δ) of the artificial materials to liver tissue
with a single score. Thereby, Q unifies considerations of tissue similarity in terms of
surface hardness H, viscoelasticity and elasticity. Elastic behaviour is represented by
equivalent spring stiffness k as well as contact stiffness S due to the non-linearity of
the indentation curves. Viscoelasticity is characterised by the loss tangent tan δ. The
relative importance of these contributors to tactile behaviour is prescribed through
weighting factors in Q.

For identifying Q, the relative changes Dk, DS , DH , and Dtan δ between the mean
values of the measured properties k, S, H, and tan δ of each synthetic material and the
respective properties of bovine or porcine liver were calculated. For instance, material
m exhibits the relative change in spring stiffness in regard to liver l

Dk =
km − kl

kl
, (2.11)

where km and kl are the mean values of spring stiffness for the material and liver,
respectively. Analogously, DS , DH , and Dtan δ were calculated for all tested materials,
in respect to both porcine and bovine liver. Next, the mean of the relative differences
is reported according to

Q = wk|Dk|+ wS |DS |+ wH |DH |+ wtan δ|Dtan δ| . (2.12)

and referred to as tactile similarity error Q of material m in regard to liver l. The
weighting factors wk, wS , wH , wtan δ assign relative importance to the different proper-
ties and it holds that

wk + wS + wH + wtan δ = 1 . (2.13)

For the subsequently reported results, all properties were weighted with the same
importance, yielding wk = wS = wH = wtan δ = 0.25. Introducing Q allows straight-
forward conclusions based on one single value about the artificial material’s ability to
mimic liver tissue in terms of tactile properties.

2.3 Results

Samples varied in thickness depending on the material. Thickness of porcine and
bovine samples were 27.6 ± 2.7 mm and 28.6 ± 2.7 mm, respectively, as cutting ac-
curately shaped samples was challenging due to the very soft nature of the tissues.
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Silicone samples were averagely 30.0 ± 1.1 mm in thickness, while the 3D printed
TangoPlus could be produced with a very precise thickness of 30± 0.1 mm.

Fitting the power law function Eq. 2.3 to the unloading sequence of the quasistatic
indentation resulted in an average RMSE of 0.0253±0.0228 N compared to the exper-
imental values. Concerning relaxation curves, the Prony series approximation yielded
an average RMSE of 0.0158± 0.0225 N.

Resulting mean values and standard deviations for H, k, S, and tan δ for 1 Hz are
plotted as barplots in Fig. 2.4a – d and written in Tab. 2.1.
Porcine tissue hardness was 30.52 ± 1.52 SU (Shore Units) while mean H of bovine
tissue was nearly 17% lower. The 3D printed polymer was more than twice as hard
with H = 76.22 ± 0.20 SU. ZA13-based silicone exhibited a hardness varying with
the volume fraction of added silicone oil from around 65 SU (0% oil) to 40 SU (30%
oil). While shore hardness for 00-30 and 00-20 was about 5 – 10 SU lower than their
nominal values of 30 and 20 SU, 00-10 was too soft to even be measured on the Shore
00 scale at all.

Spring stiffness of liver tissue was on the low end of the scale with 0.97±0.215 N/mm
for porcine and 0.63 ± 0.067 N/mm for bovine liver; these values were well exceeded
by TangoPlus (mean k = 2.51 N/mm) and the ZA13 silicones, while 00-30 and 00-20
were comparable to liver with 0.86± 0.014 N/mm and 0.53± 0.010 N/mm.

TangoPlus was characterised by the highest mean contact stiffness of 5.50 N/mm
after liver (10.18 N/mm and 7.22 N/mm on average for porcine and bovine tissue),
while S for all other measured materials was well below liver.

Porcine and bovine liver exhibited a pronounced loss tangent (mean value of 0.231
and 0.191 for porcine and bovine tissue). However, TangoPlus featured damping – in
the context of loss tangent – to the highest extend with a tan δ of 0.531 ± 0.036. All
ZA13-based silicones, as well as 00-30 silicone, hardly exhibited damping with very
low mean values of tan δ in the range of around 0.03 – 0.06. Concerning 00-10 and the
layered silicone, damping was in the range of liver with 0.280±0.014 and 0.202±0.027,
respectively.

Fig. 2.5a and b depict the relative changes in properties in comparison to porcine
liver and bovine liver, alongside the overall tactile similarity error Q for each material.
A relative change smaller than 0 indicates that the property in question was lower than
liver (i.e. softer, more compliant, less viscous), while positive values signify properties
exceeding liver. DH and Dk closest to zero was found for 00-30 in regard to porcine
tissue (-0.17 and -0.12, respectively). When comparing to bovine tissue, absolute value
of DH was smallest for 00-30 (-0.01) while Dk was closer to zero for 00-20 than for
00-30 (-0.10 and 0.37, respectively). Regarding contact stiffness, DS of all materials
was < 0 for porcine and bovine liver. Excellent agreement between synthetic material
and liver was found in regard to damping of the layered sample 00-313 (Dtan δ = −0.13
and Dtan δ = 0.06 for porcine and bovine tissue).

Tactile similarity errors Q exceeded 100% for the materials TangoPlus, ZA13 0%,
ZA13 10%, and ZA13 20%, when compared to bovine liver, while the resulting Q of
00-20 and 00-30 was around 50%. When regarding porcine liver, the tactile similarity
errors were generally slightly lower. The material with the lowest Q, 00-30, exhibited
nearly the same error for porcine as for bovine tissue. Overall, Q of the tested materials
varied between around 0.5 – 1.5.
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a)

c) d)

b)

Figure 2.4: Mean values and standard deviations measured for all materials (porcine and bovine liver,
the additive manufactured (AM) material TangoPlus, ZA13 with 0%, 10%, 20%, 30% silicone oil,
00-30, 00-20, 00-10, and layered silicone) for (a) Shore 00 hardness, (b) spring stiffness k, (c) contact
stiffness S, and d) loss tangent tan δ at 1 Hz
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Figure 2.5: Relative changes of mechanical properties Dk, DH , Dtan δ, and DS (denoted by star,
diamond, triangle, and circle symbol, respectively) and the tactile similarity error Q (grey bars) in
reference to (a) porcine liver and (b) bovine liver. The lower Q, the more a material feels like liver.

2.4 Discussion

The objective of this study was to find a method for comparing biological tissues
with tissue-mimicking materials in terms of tactility for improving material selection
in anatomical models. Elastic as well as viscoelastic considerations were included
to accurately describe tactile properties. The discrepancy between liver tissue and
mimetic materials concerning Shore hardness, spring stiffness, contact stiffness, and
loss tangent was expressed in terms of an overall tactile similarity error Q.

The advantage of Q is that tactile properties of different materials can be compared
with each other according to one single value instead of comparing all 4 measured prop-
erties (H, k, S, and tan δ) of the two materials separately. The weighting factors wH ,
wk, wS , and wtan δ in Q were equal in the current study. Depending on the application
of the tissue mimicking material, the importance of a certain property can be empha-
sised by adjusting the weighting factors in favour of the preferred property. Optimising
the weighting factors would require a separate study based on voluntary participants’
ratings of tactile material properties. For other researchers dealing with biomimicry
in terms of tactility, it would be recommendable to follow the here presented proce-
dure for comparing their desired biological tissues with potential substitute materials.
Material selection should then be based on which material exhibits the lowest tactile
similarity error, while weighting factors can be adjusted depending on the application.
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In this study, animal tissues were used instead of human tissue for comparison
with artificial materials. As discussed previously, animal tissue differs from human
tissue in respect to mechanical properties [Kemper et al., 2010]. Nevertheless, porcine
models are widely used in surgical training and have been shown to be useful in the
field of laparoscopic cholecystectomy by Tang et al. [2005]. Thus, even if considering
animal tissue as a model for human tissue in the current study is justifiable, it would be
beneficial to additionally test human liver with the reported method in future research.

Concerning the measured properties, the objective was to find parameters that
influence tactility and specifically play a role in biological tissues. Motivated by the
fact that a palpable difference exists between healthy and fibrotic liver tissue and that
Shore hardness correlates with the degree of liver fibrosis [Yoon et al., 2017], Shore 00
hardness was measured. Furthermore, according to Nicholson et al. [2003], viscoelas-
ticity is a crucial aspect when determining spinal pathologies trough manual palpation
alongside purely elastic considerations. Thus, elastic as well as viscoelastic parameters
were measured in the current study. Elastic properties were identified as the equiv-
alent spring stiffness which treats the material as an ideally elastic spring, as well as
the contact stiffness which describes the elastic stiffness during initial unloading. In
combination, these two values should give an impression of the sample’s, in general
complex, elastic behaviour. The loss tangent, representing damping, was utilized as a
measure for viscoelasticity. A more detailed discussion of the resulting tactile proper-
ties is presented as follows: Shore hardness, elastic behaviour, viscoelastic behaviour,
and tactile similarity error.

Shore hardness Previously Yoon et al. [2017] measured Shore hardness of 22.59±
43.57 on excised samples of healthy human liver, agreeing well with the here presented
values for bovine liver (25.67±2.61 SU). Porcine hepatic hardness of the current study
(30.52± 1.52 SU) appears to be similar to fibrotic human liver hardness measured by
Yoon et al. [2017]. Porcine liver was slightly harder compared to bovine liver, but both
were represented best by 00-30 silicone in this regard, see Fig. 2.5. All other Ecoflex
silicones were too soft. TangoPlus as well as ZA13 silicone with 0% and 10% oil were
about twice as hard compared to hepatic tissue.

Elastic behaviour TangoPlus was around 150% stiffer than liver in terms of spring
stiffness, thus contributing to the fact that the polymer was the worst material for
representing the tactile properties of liver in the current study (highest overall tactile
similarity error). The super-soft Ecoflex silicones 00-30, 00-20, as well as the layered
samples 00-313 more accurately mimic tissue regarding spring stiffness.

Concerning contact stiffness, all tested ZA13-based and Ecoflex silicone elastomers
exhibited S less than half of liver. Even though contact stiffness of TangoPlus was
sightly increased compared to the other synthetic materials, S of liver was still around
1.5 – 2 times higher.

Viscoelastic behaviour Both porcine and bovine liver exhibited hysteresis in the
quasistatic test (see Fig. 2.2a for a typical porcine liver curve). This additionally sup-
ported the idea that further viscoelastic characterisation of the materials was essential,
as was done by calculating tan δ.

The results of curve fitting Prony series to the force relaxation data were marginally
dependant on the duration of the experiment. Shorter hold times of around 100 s
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yielded higher root-mean-square errors on average for the fitted data compared to
relaxation times of 900 s (approximately 0.02 N and 0.016 N, respectively). The
resulting tan δ only changed slightly by 1 % when hold time was increased from 400 s
to 900 s. Thus, calculation of tan δ based on 900 s hold time was valid.

The loss tangent of canine liver was found to be around 0.25 at 1 Hz by Kiss et al.
[2004] who applied a modified (fractional) Kelvin-Voigt model to cyclic compression
data, agreeing well with the current results. DeWall et al. [2012], who utilized dynamic
compression of human hepatic tissue, found tan δ in the same range (0.2 – 0.3) for
non-fibrotic specimens. A loss tangent of around 0.3 at 1 Hz was extracted from Qiu
et al. [2017] for human prostate tissue under cyclic compressive loading. The authors
also interpreted storage and loss modulus for assessing how well a 3D printed silicone
model represented the tissue; thus supporting the parameters chosen to measure tactile
properties in the current study. Lim et al. [2009] obtained values of tan δ, between
0.6 – 0.7 at 1 Hz for human liver applying sinusoidal deformation with a flat-faced
cylindrical indenter – nearly 3 times higher than the current values for porcine and
bovine liver. These relatively high results could either stem from variation between
human and porcine/bovine tissue, or the difference in choice of model and experimental
setup.

Regarding the layered silicone 00-313 (consisting of 00-30 and 00-10), porcine and
bovine liver tissue were best represented in terms of loss tangent by this material in
our present study.

Tactile similarity error Concerning the overall tactile similarity error, Q of 00-313
layered silicone was relatively low (0.636 for porcine and 0.550 for bovine tissue) and
with that lower than Q of pure 00-10 silicone. This indicates that combining different
elastomers in order to tune tactile properties is a feasible approach.

The least suitable materials were TangoPlus, ZA13 0%, and ZA13 10% with mean
Q = 1.0 regarding similarity to porcine liver and Q = 1.0− 1.5 regarding bovine liver.
TangoPlus has previously been used in models for surgical simulation [Zein et al., 2013,
Izzo et al., 2016, Yoo et al., 2017]. For example, Yoo et al. [2017] developed a TangoPlus
cardiac model as a training system for congenital heart surgery. The majority of
the surgeons, participating in the training course, reported that the consistency and
elasticity of the material was different to the actual tissue and that a weakness of the
model was that the material could not be sutured and cut in a realistic way. Even
though the model was overall rated as useful, the authors conclude that the utilized
material was not completely satisfactory.

In the current study, no material exhibited a tactile similarity error lower than 50%,
signifying that the ideal material for mimicking liver has not been found yet. However,
00-30 and 00-20 silicone elastomers are deemed reasonably suitable for substituting
liver tissue in terms of tactile properties based on the current results.

2.5 Limitations

The following limitations should be considered: First, the loss tangent tan δ was mea-
sured for one specific indentation depth h0 only, while the effect of varying h0 was not
considered in the current study.

Second, the biggest limitation concerning the tactile similarity error, is that the
weighting factors of each mechanical property could be quantified more rigorously.
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In the current study all properties were weighted equally. Further investigation via
palpation done by voluntary participants could rank the different properties in terms
of their influence on tactility.

Next, a limitation concerning the experimental conditions, is that the in vitro
model differs from in vivo conditions in certain aspects [Mattei and Ahluwalia, 2016].
For example, the tissue was non-perfused and not tested at body temperature. How-
ever, failure properties of bovine liver parenchyma do not change when tested at room
temperature or body temperature according to Santago et al. [2009]. Perfusion, on
the other hand, does influence the mechanical properties: Non-perfused liver is slightly
stiffer and more viscous compared to perfused liver [Kerdok et al., 2006]. However,
according to Kerdok et al. [2006] this effect does not play a role for initial loading
while repeated loading causes significant tissue changes.

2.6 Conclusions

The here presented method provides insight into mechanical properties on a structural
level that contribute to how a material feels to the touch and a means of comparing
materials in this regard. The material found to resemble both porcine and bovine
liver tissue the most was a silicone elastomer with a nominal Shore 00 hardness of 30.
However, there is still room for improvement, for instance by adapting the material
microstructure to enhance damping behaviour. Additive manufacturing of silicones
and other soft polymers could be utilized for producing more versatile materials, po-
tentially simulating liver tissue more accurately.

The described method is easily applicable to other biological tissues and could be
a useful tool for validating tactile fidelity of any tissue mimicking material.
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2.8 Appendix

2.8.1 Consideration of number of Prony series terms

Calculation of root-mean-square error (RMSE) when fitting Eq. 2.7 to the experimental
relaxation curve utilizing 1, 2, 3, or 4 Prony terms, indicated how well the predicted
values match the experimental ones. Evidently, the choice of a 3-element approach
was supported by the comparison of RMSE for the varying element numbers seen in
Fig. 2.6.

Figure 2.6: RMSE and standard deviation for 1-, 2-, 3-, and 4-element Prony series for porcine and
bovine liver tissue

2.8.2 Tactile material properties

Table 2.1: Mean mechanical properties and standard deviations based on qua-
sistatic and force relaxation testing; specifically Shore 00 hardness H, spring
stiffness k, contact stiffness S, and loss tangent tan δ for 1 Hz.

Material H [SU] k [N/mm] S [N/mm] tan δ [1]

TangoPlus 67.22± 0.20 2.51± 0.056 5.50± 0.234 0.531± 0.036
0% 64.22± 1.54 2.43± 0.269 3.83± 0.381 0.057± 0.022
10% 57.18± 0.31 2.36± 0.026 3.53± 0.047 0.040± 0.003
20% 47.96± 1.20 1.74± 0.073 2.57± 0.108 0.035± 0.001
30% 39.83± 0.24 1.37± 0.022 1.97± 0.049 0.028± 0.001
pig 30.52± 1.52 0.97± 0.215 10.18± 1.718 0.231± 0.145
cow 25.67± 2.61 0.63± 0.067 7.22± 0.918 0.191± 0.202
00-30 25.44± 0.22 0.86± 0.014 1.29± 0.016 0.038± 0.012
00-20 10.33± 0.27 0.53± 0.010 0.80± 0.017 0.127± 0.020
00-10 n.a. 0.28± 0.014 0.65± 0.114 0.280± 0.014
00-313 3.06± 0.21 0.40± 0.024 0.74± 0.050 0.202± 0.027
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Abstract

In order to create accurate anatomical models for medical training and research, me-
chanical properties of biological tissues need to be studied. However, non-linear and
viscoelastic behaviour of most soft biological tissues complicates the evaluation of their
mechanical properties. In the current study, a method for measuring hyperelasticity
and viscoelasticity of bovine and porcine hepatic parenchyma in tension is presented.
First, non-linear stress-stretch curves, resulting from ramp loading and unloading, were
interpreted based on a hyperelastic framework, using a Veronda-Westmann strain en-
ergy function. Strain-specific elastic moduli, such as initial stiffness EI, were there-
upon defined in certain parts of the stress-stretch curves. Furthermore, dissipated and
stored energy density were calculated. Next, the viscoelastic nature of liver tissue was
examined with two different methods: stress relaxation and dynamic cyclic testing.
Both tests yielded dissipated and stored energy density, as well as loss tangent (tan δ),
storage modulus (E′), and loss modulus (E′′). In tension, stress relaxation was exper-
imentally more convenient than dynamic cyclic testing. Thus we considered whether
relaxation could be used for approximating the results of the cyclic tests.
Regarding the resulting elastic moduli, initial stiffness was similar for porcine and
bovine liver (EI = 30 kPa), while porcine liver was stiffer for higher strains. Com-
paring stress relaxation with dynamic cyclic testing, tan δ of porcine and bovine liver

45
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was the same for both methods (tan δ = 0.05− 0.25 at 1 Hz). Storage and loss moduli
matched well for bovine, but not as well for porcine tissue.
In conclusion, the utilized Veronda-Westmann model was appropriate for representing
the hyperelasticity of liver tissue, seen in ramp tests. Concerning viscoelasticity, both
chosen testing methods—stress relaxation and DMA—yielded comparable results for
E′, E′′, and tan δ, as long as elasticity non-linearities were heeded.
The here presented method provides novel insight into the tensile viscoelastic proper-
ties of hepatic tissue and provides guidelines for convenient evaluation of soft tissue
mechanical properties.

Keywords: hepatic tissue; tensile testing; viscoelasticity; hyperelasticity; stress re-
laxation; dynamic mechanical analysis

3.1 Introduction

Surgical training requires scenarios that are as life-like as possible. However, before
practising on real in vivo patients, teaching models are necessary. The use of fresh
human tissue is limited due to ethical concerns, availability, and safety issues. Thus,
models usually consist of preserved human cadavers, animal organs or artificial mate-
rials.

Especially, the increasing trend towards minimally invasive methods in general
surgery calls for improved laparoscopic training systems [Alli et al., 2017, Armijo
et al., 2018, Chen et al., 2020]. Cholecystectomy and hepatectomy, for instance, are
common surgical procedures that are widely being performed laparoscopically and
require corresponding training systems which must include the liver [Alli et al., 2017,
Yoshida et al., 2019]. In this context, porcine and bovine liver models are deemed
useful for laparoscopic training [Hildebrand et al., 2007, Laird et al., 2011, Liu et al.,
2018]. Furthermore, liver models are important for risk analysis in crash tests, due to
the high susceptibility of the liver to injury during vehicular crashes [Yoganandan et al.,
2000, Kemper et al., 2010]. Another application for hepatic models is in practising
palpation to distinguish fibrotic from healthy tissue and identifying tumours in open
surgery approaches [Hata et al., 2011]. It is therefore important to accurately measure
liver mechanical properties in order to manufacture realistic models.

In general, characterising mechanical properties of soft tissue can be challenging
due to potentially non-linear and viscoelastic material behaviour, as well as the need
for measuring small loads, resulting from the low stiffness (with the Young’s modulus
typically < 1 MPa [Akhtar et al., 2011]).

Hepatic tissue is difficult to handle in experimental setups and has predominantly
been studied in compression [Tamura et al., 2002, Kiss et al., 2004, Ocal et al., 2010,
DeWall et al., 2012, Jing et al., 2016] and shear [Liu and Bilston, 2002, Nicolle et al.,
2010, Wex et al., 2013, Zhu et al., 2013, Capilnasiu et al., 2020], regarding elastic as
well as viscoelastic tissue properties. Tensile tests on hepatic parenchyma have been
conducted for evaluating failure properties [Brunon et al., 2010, Kemper et al., 2010,
Lu et al., 2014, Duong et al., 2015, Dunford et al., 2018]; thus, illuminating the effect
of large strains (> 10% [Marchesseau et al., 2017]) on the tissue, as experienced in the
context of trauma. However, it is also interesting to study liver under small strains
relevant for tactile properties.

Ramp tests of hepatic tissue result in non-linear stress-strain curves [Chen et al.,
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1996], suggesting the use of hyperelastic modelling [Chui et al., 2004, Gao et al., 2010,
Umale et al., 2013]. However, a purely hyperelastic approach neglects viscoelastic
behaviour which plays an important role in liver tissue [Liu and Bilston, 2000]. As a
partial solution to this problem, the idea of pseudoelasticity was introduced by Fung
[1993] for interpreting loading-unloading curves exhibiting hysteresis (which is an in-
dicator for viscoelasticity), utilizing a hyperelastic framework: Loading and unloading
is thereby modelled separately, yielding two distinct stets of hyperelastic parameters.
Another approach to analysing non-linear behaviour is to define certain strain ranges,
where elastic moduli can be calculated [Fung, 1967]. For example, characteristic low-
strain and high-strain elastic moduli were determined for liver capsule [Hollenstein
et al., 2006, Karimi and Shojaei, 2018] and for kidney capsule [Snedeker et al., 2005]
in uniaxial tension.

However, these methods are only descriptive of what is observed but fail to de-
scribe the constitutive effect of viscoelasticity itself. To study viscoelasticity in a more
rigorous manner, the most common methods are: testing at different strain rates,
stress relaxation (under constant strain), creep (under constant stress), and dynamic
cyclic testing (oscillating stress and strain) which is also known as dynamic mechan-
ical analysis (DMA). The results of these various testing methods can be compared
with each other. For example, Bartolini et al. [2018] compared viscoelastic properties
from indentation at different oscillatory frequencies with indentation at different strain
rates for a soft silicone polymer – thus connecting frequency domain and time domain
experimental data. Following this train of thought, viscoelastic properties, extracted
from relaxation experiments, could be compared with the same type of properties
found in dynamic cyclic tests.

Regarding stress relaxation of hepatic tissue, experiments have been conducted
under compression [Taylor et al., 2002], shear [Liu and Bilston, 2000, 2002], tension
[Chen et al., 2011] and indentation [Mattice et al., 2006, Estermann et al., 2020a].
DMA has been done on liver tissue in compressive and shear conditions [Kiss et al.,
2004, Capilnasiu et al., 2020]. However, the authors are not aware of publications on
liver parenchyma exposed to tensile oscillatory strain for assessing tissue viscoelastic
properties. This may be due to experimental difficulties connected to tensile testing of
extremely soft materials; with DMA being more complex than other testing methods,
such as stress relaxation or creep. Thus, the question arises whether simple relaxation
data could be utilized instead of DMA for hepatic tissue in tension. Viscoelastic
properties, which are usually extracted directly from dynamic cyclic tests (e.g. loss
tangent, storage modulus, and loss modulus), can be calculated based on relaxation
data via transformation from time domain to frequency domain [Ocal et al., 2010].

The current study aims at a comprehensive characterisation of hepatic tensile me-
chanical properties, meaning that non-linear as well as viscoelastic behaviour must be
taken into account. For this reason, different types of tests were conducted on porcine
and bovine hepatic parenchyma tissue. First, ramp loading and unloading was done,
yielding hysteresis and non-linear behaviour. These curves were interpreted with a
pseudoelastic model and elastic moduli, defined at specific strain levels, were calcu-
lated. Furthermore, based on energy considerations, the ratio of dissipated to stored
energy density was evaluated.

Next, two different methods of viscoelastic characterisation – force relaxation and
DMA – were utilized for extracting loss tangent (tan δ), storage modulus (E′), and loss
modulus (E′′). These properties stemming from the two testing methods were finally
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compared with each other, addressing the question whether a simplified viscoelastic
evaluation via stress relaxation (assuming an ideal step-displacement) is justified for
hepatic tissue in tension. In addition to the above mentioned viscoelastic properties,
dissipated and stored energy density were calculated for relaxation and DMA, yielding
results that are specific for each testing method.

3.2 Materials & methods

3.2.1 Tensile test specimen

Hepatic samples were taken from eight porcine, and two bovine livers, obtained from
a local butchery about 24 h after slaughtering and prepared for testing immediately
upon arrival in the laboratory (Figure 3.1a and b). Between slaughtering and sample
preparation, whole livers were stored at 4◦ C in sealed plastic bags. Dunford et al.
[2018] recommended storage of liver in large blocks as opposed to small cut samples.
Rectangular tensile test specimen were extracted with their long axis orientated par-
allel to the diaphragmatic and the visceral surface of the organs: First a rectangular
block (measuring around 75 × 50 × 30 mm) was cut out of a relatively homogeneous
region of the liver (Figure 3.1c). After removing the capsule, the block was placed in
a 5 mm thick 3D printed cutting guide and a long knife was used for extracting thin
rectangular slices by cutting parallel to the guide (Figure 3.1d). Next, a 75× 20 mm
stencil was placed on the liver slice and samples were obtained by cutting around the
stencil (Figure 3.1e). The resulting samples consisted of parenchyma tissue, without
the Glisson’s capsule, free of large blood vessels and bile ducts, to ensure relative ho-
mogeneity (Figure 3.1f). Sample thickness was chosen as 5 mm due to the fact that
samples of under 2.5 mm thickness exhibited dehydration at the sand paper contact
area when being clamped in the mechanical testing machine, while significantly thicker
samples were difficult to mount and clamp. The total numbers of porcine samples was
n = 36, as was for the bovine samples whose total number was also n = 36. All sam-
ples were kept well hydrated by submerging them in 0.9% saline solution. Mechanical
testing was conducted immediately after sample preparation at room temperature
(approximately 23◦ C), thus the tissues were never frozen.
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Figure 3.1: Sample preparation: (a) and (b) Whole bovine and porcine organs; (c) Block of hepatic
tissue is placed in the 3D printed cutting guide; (d) Cutting along the surface of the cutting guide
yields a thin tissue layer; (e) Rectangular stencil is placed on the tissue layer; (f) Sample that is cut
from the tissue layer (75× 20× 5 mm).

3.2.2 Mechanical testing

Tensile testing was conducted on a ZwickiLine testing machine (ZwickRoell GmbH &
Co. KG, Ulm, Germany) which allows axial forces F up to 2.5 kN and a machine
displacement uM of up to 113 cm. In soft tissue testing, the resulting forces are very
small and thus an additional load cell for measuring F , with a measuring range up
to 100 N and accuracy of 0.02% (S2M/100N, Hottinger Baldwin Messtechnik GmbH,
Darmstadt, Germany) was connected to the universal data acquisition module (DAQ)
QuantumX MX840B (Hottinger Baldwin Messtechnik GmbH, Darmstadt, Germany).
The load cell was gripped by the lower machine clamp.

Custom-built tissue clamps enabled manual fine-tuning of the gripping force with
a screw. One tissue clamp was secured in the upper machine clamp and the other one
inserted above the external load cell. The tissue clamping surface was covered with
sand paper (grit P80) to prevent sample slippage during tension.

For the evaluation of the dynamic cyclic tests, extremely small phase shifts between
force and displacement of a few milliseconds need to be measured, requiring perfectly
synchronous measurements. Thus, a linear variable differential transformer (LVDT)
position sensor (Hottinger Baldwin Messtechnik GmbH, Darmstadt, Germany) was
also connected to the same DAQ, for measuring displacement uLVDT at exactly the
same time as the load cell measurement.

The LVDT displacement, however, does not only describe tissue displacement,
but also includes contributions stemming from machine and setup stiffness as well as
clamping of the sample. For this reason, a specific measuring length l was defined
with point markers on the sample whose change in length was recorded optically by
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Figure 3.2: Overview of the mechanical test setup: (a) Complete setup with the machine displacement
uM, upper and lower machine clamps, digital image correlation (DIC) system, and data acquisition
module (DAQ) – connected to the load cell and displacement sensor (LVDT) in (b); furthermore in
(b), hepatic sample clamped with the tissue clamps, point markers to measure the length l, the tensile
force F , and the displacement of the LVDT uLVDT.

the digital image correlation (DIC) system ARAMIS (GOM GmbH, Braunschweig,
Germany). To certify uniform displacement within the sample, three marker pairs
were arranged along the width of the sample and length l was reported as the average
of the three distances. Actual tissue strains were based on these DIC displacements,
while the temporal information, needed for the dynamic cyclic tests was extracted
from the LVDT measurement.

An overview of the mechanical test setup and the measured properties (force F ,
machine displacement uM, position sensor displacement uLVDT, and sample measuring
length l) are depicted in Figure 3.2. A mounting procedure of the samples in the testing
machine, similar to the one described by Manoogian et al. [2009] and Kemper et al.
[2010], was followed: First the top tissue clamp was removed from the testing machine
and the sample was placed on the sand paper surface of the clamp and aligned. Used
sand paper was always replaced by a new layer for each sample. Next, the sample
was inserted in the testing machine, attached to the top clamp with its bottom end
hanging freely. At this stage, each sample was allowed to hang under its own weight
(around 0.08 N) for approximately 3 minutes to ensure an equal small preloading of
the tissue. Finally the bottom clamp was carefully closed, the sticky markers for DIC
were applied, and sample cross-section was measured with an analogue calliper at
three locations along the measuring length. The initial cross-section A0 was taken as
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Figure 3.3: Overview of the mechancial testing protocols with uM being the machine displacement and
t the time: (a) Ramp loading and unloading sequence; (b) holding phase for relaxation; (c) Dynamic
cyclic testing (100 cycles for each frequency).

the average of these three measurements. The initial length l0 was defined based on a
single DIC image taken before starting mechanical loading.

Each sample was exposed to one of the following mechanical tests: ramp test, stress
relaxation, or dynamic cyclic test (Figure 3.3). All 36 samples of the porcine and
bovine tissue were divided among the three testing methods, resulting in 12 samples
per test and tissue type.

Ramp test Upon starting extension of the samples, a trigger signal was sent from the
testing machine to the DIC system, prompting both measurements to start. The cross-
head of the testing machine was displaced by uM = 10 mm (resulting in a maximum
engineering tissue strain of 0.10 − 0.14) at a speed of 5 mm/min (corresponding to a
strain rate of 0.001 s−1) and then moved back to its initial position at the same speed
(see Figure 3.3a). Due to the highly strain rate dependant behaviour of soft biological
tissues, evaluation of elastic properties requires quasistatic strain rates [Fung, 1967,
Miller and Chinzei, 1997]. A similar strain rate was utilized as the rate reported
for hepatic capsule in tension by Brunon et al. [2010] who considers 0.001 s−1 to be
quasistatic. Force F , from the 100 N load cell, and lengths l between the markers,
from DIC for calculating strains, were both recorded at a measuring rate of 10 Hz.

Stress relaxation A cross-head displacement of uM = 5 mm (0.06 tissue strain
based on DIC measurement) was applied within 0.4 s and held for 300 s (see Fig-
ure 3.3b). Force F and lengths l between the markers were both recorded at a rate of
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10 Hz by the 100 N load cell and DIC, respectively.

Dynamic cyclic test After capturing a single image with the DIC system for defin-
ing the initial length between the markers l0, a cross-head displacement of uM = 6 mm
(0.08 tissue strain) was applied and then held for 250 s to allow best possible relax-
ation. Next, sinusoidal displacements of ±0.5 mm (±0.006 tissue strain) were applied
at f = 0.5, f = 1.0, f = 1.5, and f = 2.0 Hz for 100 cycles at each frequency. Low
frequencies were chosen to avoid inertia effects [Nicolle and Palierne, 2010, Chatelin
et al., 2011] and to represent tactile palpation of the material [Estermann et al., 2020a].
Samples were allowed to relax at uM = 6 mm for 250 s between each tested frequency
to enable comparison of the frequency-dependant tissue response. See Figure 3.3c for
an overview of the testing procedure.

The chosen strain level ensured that samples were not compressed but stayed in
tension throughout the test. Lengths between markers l were recorded by the DIC
system (at 10 Hz for f = 0.5 Hz and at 20 Hz for the other frequencies). Pretests
showed that phase shifts between stress and strain were expected to be around 15 ms
for liver. Thus, in order to resolve such small phase shifts, measuring of force and
displacement must be perfectly synchronised. For this reason, uLVDT from the LVDT
was utilized alongside F from the load cell, both being controlled by the same data
acquisition module and software at a sampling frequency of 100 Hz. The LVDT po-
sition sensor yielded the actual occurrence time of the displacement without delay,
while DIC provided the accurate displacement (and strain) amplitude.

3.2.3 Data analysis

Uniaxial tissue stretch λ (in direction of the main sample axis) is expressed as the
ratio between deformed length l and the initial length l0 as

λ =
l

l0
= ε+ 1 , (3.1)

with ε being engineering strain. Cauchy (true) stress σT – assuming incompressibility
of hepatic tissue [Chui et al., 2004] – and engineering stress σE were calculated based
on the measured tensile force F and initial cross-section A0 as

σT =
F

A0
λ (3.2)

and

σE =
F

A0
. (3.3)

Ramp test Hepatic parenchyma tissue is viscoelastic, exhibiting hysteresis, even
during extremely slow loading and unloading cycles. Thus, a purely hyperelastic treat-
ment of the material is not valid, as this would completely ignore viscoelasticity. The
so-called pseudoelastic approach – introduced by Fung [1993] – allows the separate
evaluation of the loading and unloading branch with two distinct sets of characteristic
hyperelastic parameters.

In order to establish a stress-strain relation, in terms of a hyperelastic model, the
strain energy function Ψ is introduced. For an isotropic material, Ψ = Ψ(I1, I2, I3)
depends on the strain invariants I1, I2, and I3. The strain invariants are calculated
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based on the finite deformation applied to the material. In the following sections, liver
tissue is modelled as incompressible (ν = 0.5), as is often done for soft tissues [Fung,
1967, Miller and Chinzei, 1997, Gao et al., 2010, Roan and Vemaganti, 2011]. The
Poisson’s ratio of ν = 0.434 ± 0.16 for hepatic parenchyma in tension, reported by
Chui et al. [2004], furthermore supports the assumption of incompressibility.

Thermodynamic, symmetry, and energy considerations enable the choice of strain
energy function Ψ(I1, I2, I3). Based on the comparison of different hyperelastic models
presented in 3.8.1, Ψ(I1, I2, I3) suggested by Veronda and Westmann [1970] for feline
skin was utilized:

Ψ = c1 eβ(I1−3) − 1 + c2(I2 − 3) + g(I3) , (3.4)

with c1, c2, and β being the model parameters, and g(I3) being a function of tissue
compressibility. After inserting the strain invariants I1 = λ2 + 2

λ , I2 = 2λ + 1
λ2 , and

I3 = 1 for uniaxial tension of an incompressible material into Eq. 3.4 and further
simplifying with g(I3) = g(1) = 0, c2 = −c1

β
2 , and c1 = c, the strain energy function

results in

Ψ = c eβ(I1−3) − 1 − c
β

2
(I2 − 3) , (3.5)

leaving the two material parameters c and β to be determined.
In case of incompressibility, the uniaxial Cauchy stress σT can be expressed in

terms of the strain invariants I1 and I2, according to Holzapfel [2000], as

σT = 2 λ2 − 1

λ

∂Ψ

∂I1
+

1

λ

∂Ψ

∂I2
, (3.6)

Using Eqs. 3.5 and 3.6, the stress of the Veronda-Westmann model can thus be written
as

σVW = 2 λ2 − 1

λ
cβ eβ(I1−3) − 1

2λ
. (3.7)

To now obtain material parameters for the loading and unloading part of the tensile
ramp experiments, Eq. 3.7 was fit to the experimental true stress with non-linear
least squares method, utilizing a Levenberg-Marquardt algorithm [Marquardt, 1963],
for loading and unloading curves separately. Thus, the resulting fitting parameters
were cload and βload (for loading) as well as cunload and βunload (for unloading). The
coefficient of determination r2 was calculated in order to evaluate how well the model
data corresponded to the experimental data. See Figure 3.4 for a typical experimental
stress-stretch curve alongside the corresponding hyperelastic model.

In addition to the above described hyperelastic approach, a second type of data
evaluation was applied, that is more descriptive of the stress-stretch curve shape. For
each loading-unloading sequence, three characteristic elastic moduli were defined: EI

as the initial elasticity, EII for the highest stretch during loading, and EIII for the
first stretch during unloading. EI, EII, and EIII were calculated based on the slope of
tangent of σVW for the corresponding stretch ranges (see Figure 3.4).

Furthermore, the ramp tests were interpreted, based on energy considerations: For
stretching the material, mechanical work is required in the loading phase, which is
partly dissipated and partly stored as elastic strain energy. During the following un-
loading phase, part of the stored energy is recovered elastically while another part is
dissipated. The ratio between the dissipated energy density Wdis and the recovered
(or stored) energy density Wst is referred to as relative dissipation, Wdis/Wst, and can
be calculated based on the stress-stretch curves. Thereby, Wdis is the area between the
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Figure 3.4: Typical stress-stretch curve of a bovine ramp test with the measured true stress σT (dashed
red line), the corresponding Veronda-Westmann curve fit σVW (solid black line), and the calculated
elastic moduli (EI, EII, and EIII). The engineering stress σE (dashed grey line) is used to calculate
the dissipated energy density Wdis and stored energy density Wst.

loading and unloading curve and Wst is the area under the unloading curve (see Fig-
ure 3.4). Due to energy considerations, engineering stress σE with the stretch ratio λ as
its energy conjugate [Shergold et al., 2006] were used for these calculations(Figure 3.4).

Stress relaxation Assuming a step displacement, where the holding phase is reached
instantaneously, stress σ and the constant strain ε0 are connected via the time-
dependant relaxation function E(t) according to

σ(t) = E(t)ε0 . (3.8)

The relaxation function can be approximated in terms of Prony series,

E(t) = E∞ +

N

i=1

Eie
− t

τi , (3.9)

which correspond to the generalised Maxwell model depicted in Figure 3.5, with the
longterm elastic modulus E∞, the elastic moduli of the springs Ei, and the character-

Figure 3.5: Generalised Maxwell model, consisting of the longterm elastic modulus E∞ and the N
parallel Maxwell branches with springs E1, E2, ... EN and dashpots µ1, µ2, ... µN .
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istic relaxation times τi (which are related to the dashpot viscosities µi via τi = µi/Ei)
[Findley et al., 1989]. Replacing E∞ by

E∞ = E0 −
N

i=1

Ei , (3.10)

in Eq. 3.9, expresses the relaxation function in terms of the initial elasticity E0 (the
ratio between stress and strain at the beginning of the holding phase) according to

E(t) = E0 −
N

i=1

Ei(1− e
− t

τi ) . (3.11)

After inserting Eq. 3.11, Eq. 3.8 was utilized to approximate the experimental stress
relaxation, applying a non-linear least squares method, implemented with a trust re-
gion reflective algorithm, which limited fitting parameters to positive values. Thereby,
the curve fit was performed over the complete holding time of 300 s, as discussed below
and in 3.8.2. Furthermore, based on considerations presented in 3.8.2, N = 3 was cho-
sen for further calculations, as was also done by Ocal et al. [2010] for compression and
Estermann et al. [2020a] for indentation of hepatic tissue in the context of relaxation
within the same magnitude of holding times.

Obtained, model parameters Ei and τi were then utilized to calculated the storage
and loss moduli E′ and E′′ according to Gutierrez-Lemini [2014] with

E′ = E∞ +
N

i=1

Eiω
2τ2i

1 + ω2τ2i
(3.12)

and

E′′ =
N

i=1

Eiωτi
1 + ω2τ2i

, (3.13)

where ω is the angular frequency. The ratio of loss modulus to storage modulus

E′′

E′ = tan δ =

N

i=1

ωµiE
2
i

E∞(E2
i + ω2µ2

i ) + ω2Eiµ2
i

(3.14)

is called loss tangent tan δ, which is a characteristic viscoelastic property that describes
the frequency-dependant material damping behaviour.

Concerning the Prony series curve fit, the question arises, whether holding du-
ration influences the resulting viscoelastic properties. The reason for this being the
following: Data was sampled equidistantly throughout the holding phase of 300 s.
Thus, the portion of rapid stress decline at the beginning of the stress-time curve is
emphasised less in the curve fit, in contrast to the portion of nearly constant stress
in the middle and end part of the curve, where many more data points are available.
Further examination of the influence of holding time is described in 3.8.2, showing
that tan δ is fairly consistent throughout the tested time span. Thus, if not further
specified, tan δ is reported for a holding time of 300 s in the following sections.

Additionally to the frequency-dependant damping behaviour, expressed by tan δ
and the dynamic moduli E′ and E′′, relative dissipation Wdis

Wst
is calculated for the
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performed experiment. The work density, necessary for initially reaching ε0 during
the fast ramp loading, can be expressed as

W0 =
1

2
E0ε

2
0 , (3.15)

with E0 = E∞+E1+E2+E3 (Eq. 3.10) referring to the parallel springs in Figure 3.5.
After waiting for the holding period to pass and the viscosities to dissipate, the only
spring contributing to the stress response is the long-term stiffness E∞, signifying
work, which can be elastically recovered if the material were unloaded at this point,

Wst =
1

2
E∞ε20 . (3.16)

Thus, the dissipated energy density, being the difference between W0 and W∞, can be
expressed as

Wdis =
1

2
(E1 + E2 + E3)ε

2
0 . (3.17)

Finally, the relative dissipation Wdis/Wst results in

Wdis

Wst
=

E1 + E2 + E3

E∞
. (3.18)

Dynamic cyclic test The analysis of dynamic cyclic tests consists of finding tan δ,
E′, and E′′ from sinusoidal data. For a linear viscoelastic material exposed to a
sinusoidal displacement

u(t) = uA sin(ωt) (3.19)

with the displacement amplitude uA, angular frequency ω, and time t, the responding
force is also sinusoidal with the same frequency and amplitude FA but shifted by a
phase δ (Figure 3.6a)

F (t) = FA sin(ωt+ δ) . (3.20)

Due to the fact that phase shifts are expected to be in the range of a few millisec-
onds, special attention needs to be taken concerning the synchronicity of the force
and displacement measurement. Thus, the loss tangent tan δ was based on LVDT
displacements. Non-linear least squares method was utilized to fit Eq. 3.19 and Eq.
3.20 to F and uLVDT, yielding the fitting parameters FA, uA, ω, and δ. This method
was applied to the last 30 cycles of each frequency test, leaving the first 70 cycles for
preconditioning the material to a steady state oscillation.

Furthermore, after utilizing uLVDT for calculating tan δ, storage and loss modulus
E′ and E′′ were calculated using strains ε based on the DIC measurement with

E′ =
σA
εA

cos δ (3.21)

and
E′′ =

σA
εA

sin δ , (3.22)

with εA being the amplitude of engineering strain and σA being the amplitude of true
stress. Description of the measured quantities can be found in Figure 3.6.
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In order to describe the loss factor in terms of energy dissipation, tan δ can be
written as the ratio between dissipated and maximum stored energy density [Roylance,
2001]:

2π tan δ =
Wdis

Wst
. (3.23)

Thus, the relative dissipation Wdis/Wst per cycle is calculated, base on the obtained
tan δ. In case of linear viscoelasticity, it is assumed that the energy dissipation stems
from viscous effects only and not plastic behaviour.

ωt

F, u !
F

uLVDT

2FA
2uA

ωt

σ, ε

σT

ε

2σA
2εA

a) b)

Figure 3.6: Schematic overview of the analysis of the dynamic tests: (a) LVDT displacement and load
cell force are utilized to identify the phase shift δ due to their perfect measuring synchonicity; (b)
Accurate signal amplitudes, εA and σA, are extracted from the strain, based on the DIC measurement,
and the true stress, based on the load cell force.

3.2.4 Statistical analysis

Mean values and standard deviations were calculated over 12 bovine and 12 porcine
samples for every result:

• from ramp tests, the pseudoelastic parameters (cload, βload, cunload, βunload), elas-
tic moduli (EI, EII, EIII), and Wdis/Wst

• from relaxation, the Prony parameters (E0, Ei, τi for i = 1, 2, 3), viscoelastic
properties (E′, E′′, tan δ), and Wdis/Wst

• and from DMA at 4 frequencies, viscoelastic properties (E′, E′′, tan δ), and
Wdis/Wst.

For comparing the two methods of viscoelastic characterisation, the resulting vis-
coelastic properties tan δ, E′, and E′′ of relaxation and DMA were checked for normal
distribution (Shapiro-Wilk test). Then, given normality, Welch’s t-tests were per-
formed to identify significant differences (α = 0.05) between the measured properties
for tan δ, E′, and E′′ at f = 0.5, f = 1.0, f = 1.5, and f = 2.0 Hz, depending on the
experimental modality without the requirement of homogenous variances.

3.3 Results

Ramp test The average values and standard deviations of true stress and stretch
resulting from the loading-unloading sequence were plotted for all samples of the two
tissue types in Figure 3.7a. The characteristic mean stress-stretch-curves of porcine
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and bovine tissue are visibly different from each other with the average maximum
stress for porcine tissue being 19.15 kPa and for bovine tissue 10.69 kPa. The max-
imum average strain applied to the samples was 11 % on average. The experimental
curves – exhibiting non-linearity and hysteresis – were interpreted with a pseudoelastic
Veronda-Westmann model with the resulting parameters for the loading and unloading
part given in Table 3.2. The coefficient of determination being around 0.998 for bovine
as well as porcine tissue, signifies an excellent agreement between experimental data
and model. Parameters cload and cunload can be interpreted as shear-like moduli with
βload and βunload being dimensionless exponential parameters [Limbert, 2019]. The ini-
tial zero-strain shear-like modulus cload was higher for bovine tissue (0.542±0.190 kPa)
than for porcine tissue (0.353± 0.237 kPa).

Based on the pseudoelastic model, elastic moduli at different strain values were
calculated (Table 3.2). While, the initial stiffness EI was nearly the same for porcine
and bovine tissue, the average elastic moduli for larger strains EII and unloading EIII

were more than twice as high for porcine liver. For the ramp loading and unloading
sequence, the ratio between dissipated and stored energy density was calculated and
results are given in Table 3.2. The relative energy dissipation being aroundWdis/Wst =
1.1 for both tissue types, signifies that a similar amount of energy was dissipated due
to viscosity and plasticity as stored elastically.
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Figure 3.7: (a) Mean true stress σT plotted over the mean stretch λ for the ramp tests with the shaded
areas being the standard deviations of stress and stretch (n = 12 for bovine and n = 12 for porcine);
(b) Mean true stress σT plotted over time t for the relaxation tests, with the shaded area being the
standard deviation of stress (n = 12 for bovine and n = 12 for porcine).

Stress relaxation Characteristic stress relaxation curves were plotted in Figure 3.7b
for bovine and porcine tissue by averaging the true stress of all tested samples for each
time instance. Prony series were fit to these experimental curves, yielding the model
parameters given in Table 3.1. The resulting relaxation times represent 3 orders of
magnitude with average τ1 = 0.58 s, τ2 = 11.07 s, and τ3 = 140.48 s for bovine tissue
and average τ1 = 0.34 s, τ2 = 7.33 s, and τ3 = 115.80 s for porcine tissue. Relaxation
times were shorter for porcine tissue compared to bovine tissue for each time scale.
Relative dissipation for bovine and porcine tissue was Wdis/Wst > 2 (Table 3.1),
meaning that more than twice as much energy was dissipated during relaxation than
stored elastically in the material. Porcine hepatic tissue exhibited Wdis/Wst around
20% higher than bovine tissue which is also mirrored in the trend that porcine tan δ
is higher than bovine tan δ (Figure 3.8). Thus, the relaxation results indicate that
porcine hepatic tissue exhibits a higher viscous contribution than bovine tissue.



CHAPTER 3. HYPERELASTICITY AND VISCOELASTICITY OF LIVER 59

T
a
b
le

3
.1
:
R
es
u
lt
s
o
f
th
e
st
re
ss

re
la
x
a
ti
o
n
te
st
s
fo
r
b
ov

in
e
a
n
d
p
o
rc
in
e
ti
ss
u
e,

g
iv
en

a
s
m
ea
n
va
lu
es

a
n
d
st
a
n
d
a
rd

d
ev
ia
ti
o
n
s:

p
a
ra
m
et
er
s
o
f
th
e
P
ro
n
y
se
ri
es

fi
t
(N

=
3
)
E

0
,
E

1
,
τ 1
,
E

2
,
τ 2
,
E

3
,
a
n
d
τ 3
,
th
e
re
su
lt
in
g
ro
o
t-
m
ea
n
-s
q
u
a
re

er
ro
r
R
M
S
E
,
a
n
d
th
e
re
la
ti
v
e
d
is
si
p
a
ti
o
n
W

d
is
/
W

st
.

T
is
su

e
E

0
[k
P
a
]

E
1
[k
P
a
]

τ 1
[s
]

E
2
[k
P
a
]

τ 2
[s
]

E
3
[k
P
a
]

τ 3
[s
]

R
M
S
E

[k
P
a
]

W
d
is
/
W

st
[-
]

B
o
v
in
e

1
1
7
.9
6
±

3
0
.2
4

3
3
.9
2
±

8
.8
5

0
.5
8
±

0
.1
5

2
0
.1
6
±

5
.6
7

1
1
.0
7
±

0
.8
3

2
6
.6
1
±

6
.8
1

1
4
0
.4
8
±

6
.8
4

0
.0
3
±

0
.0
1

2
.1
7
±

0
.1
4

P
o
rc

in
e

1
2
9
.8
9
±

6
4
.9
1

4
4
.1
9
±

2
0
.3
4

0
.3
4
±

0
.1
9

2
2
.0
8
±

1
2
.0
4

7
.3
3
±

2
.0
4

2
4
.9
8
±

1
3
.8
3

1
1
5
.8
0
±

2
2
.2
9

0
.0
4
±

0
.0
1

2
.6
4
±

0
.7
1

T
a
b
le

3
.2
:
R
es
u
lt
s
o
f
th
e
ra
m
p

te
st
s
fo
r
b
ov

in
e
a
n
d

p
o
rc
in
e
ti
ss
u
e,

g
iv
en

a
s
m
ea
n

va
lu
es

a
n
d

st
a
n
d
a
rd

d
ev
ia
ti
o
n
s:

p
a
ra
m
et
er
s
o
f
th
e
p
se
u
d
o
el
a
st
ic

V
er
o
n
d
a
-W

es
tm

a
n
n
m
o
d
el

c l
o
a
d
,
β
lo
a
d
,
c u

n
lo
a
d
,
a
n
d
β
u
n
lo
a
d
,
th
e
co
effi

ci
en
t
o
f
d
et
er
m
in
a
ti
o
n
r2
,
el
a
st
ic

m
o
d
u
li
E

I
,
E

II
,
a
n
d
E

II
I
,
a
n
d
re
la
ti
v
e
d
is
si
p
a
ti
o
n

W
d
is
/
W

st
.

T
is
su

e
c l

o
a
d
[k
P
a
]

β
lo
a
d
[-
]

c u
n
lo
a
d
[k
P
a
]

β
u
n
lo
a
d
[-
]

r2
[-
]

E
I
[k
P
a
]

E
II

[k
P
a
]

E
II
I
[k
P
a
]

W
d
is
/
W

st
[-
]

B
o
v
in
e

0
.5
4
2
±

0
.1
9
0

2
1
.7
6
±

8
.9
5
3

0
.0
1
3
±

0
.0
0
7

8
5
.1
3
±

2
3
.9
7

0
.9
9
8

3
2
.0
0
±

1
1
.1
8

2
8
3
.9

±
9
2
.9
4

6
8
9
.6

±
2
2
1
.5

1
.1
2
9
±

0
.1
7
7

P
o
rc

in
e

0
.3
5
3
±

0
.2
3
7

3
5
.1
1
±

1
5
.3
9

0
.0
0
9
±

0
.0
0
8

1
0
1
.5
0
±

2
6
.5
4

0
.9
9
8

2
9
.7
7
±

1
4
.7
9

6
6
9
.9

±
2
9
9
.7

1
4
2
8
.4

±
5
1
2
.9

1
.0
5
2
±

0
.2
8
5



CHAPTER 3. HYPERELASTICITY AND VISCOELASTICITY OF LIVER 60

Dynamic cyclic test For identifying the phase shift δ between force and displace-
ment, sine curves were fit to the experimental force data F and the displacement of
the position sensor uLVDT. Due to the noisiness of the force readings for the two higher
frequencies and due to the fact that the force level of bovine samples was even lower
than porcine samples, the analysis for bovine tissue at f = 1.5 Hz and f = 2.0 Hz
was not possible in the current setup. Dynamic viscoelastic properties are thus given
for f = 0.5, f = 1.0, f = 1.5, and f = 2.0 Hz for porcine tissue and for f = 0.5
and f = 1.0 Hz for bovine tissue in the following sections. Due to the pre-stress and
the small oscillatory amplitudes, samples were under tension throughout the whole
experiment.

Table 3.3 lists the relative dissipation Wdis/Wst depending on the tested frequency
for both tissue types, showing that on average Wdis/Wst = 0.64 for bovine and
Wdis/Wst = 0.66 for porcine liver. Wdis/Wst < 1 means that more energy was re-
covered elastically than dissipated due to viscosity for each cycle.

Furthermore, given in Table 3.3, are the mean values and standard deviations of
the viscoelastic properties tan δ, E′, and E′′ found for bovine and porcine hepatic
tissue in the dynamic tests.

Comparison of the viscoelastic parameters Loss tangent, storage modulus and
loss modulus were extracted from relaxation, as well as DMA tests. Figures 3.8 – 3.10
depict the frequency dependence of tan δ, E′, and E′′ as was calculated based on the
generalised Maxwell model for relaxation and measured in DMA. Porcine and bovine
loss tangents correspond very well for the different testing methods throughout the
examined frequency range (Figures 3.8a and b). When regarding the porcine storage
modulus (Figure 3.9a), however, a discrepancy between relaxation (E′ = 100 kPa) and
dynamic cyclic testing (E′ = 500 kPa) becomes apparent for all tested frequencies.
Bovine tissue, on the other hand, yielded storage moduli that matched well for the
testing methods (Figure 3.9b). A similar trend can be observed, concerning E′′: While
for porcine tissue, the dynamic loss modulus was more than two times higher than that
found in relaxation (Figure 3.10a), bovine tissue exhibited E′′ relatively independent
of the testing method (Figure 3.10b).

Regarding a given frequency, for instance 1 Hz, the loss tangent tan δ was not
significantly different depending on the type of test for porcine (p = 0.3) or bovine
tissue (p = 0.07). The viscoelastic moduli E′ and E′′ found in dynamic tests, however,
were significantly higher than the relaxation E′ and E′′ for porcine tissue at 1 Hz

Table 3.3: Relative dissipation Wdis/Wst, loss tangent tan δ, storage modulus E′, and loss
modulus E′′ for the tested frequencies of bovine and porcine tissue.

f = 0.5 Hz f = 1.0 Hz f = 1.5 Hz f = 2.0 Hz

Bovine

Wdis/Wst [-] 0.603± 0.183 0.683± 0.335 n.a. n.a.
tan δ [-] 0.096± 0.029 0.121± 0.067 n.a. n.a.
E′ [kPa] 172.9± 88.74 158.4± 83.34 n.a. n.a.
E′′ [kPa] 17.08± 9.975 17.55± 9.565 n.a. n.a.

Porcine

Wdis/Wst [-] 0.611± 0.086 0.662± 0.283 0.696± 0.241 0.675± 0.254
tan δ [-] 0.097± 0.012 0.114± 0.061 0.117± 0.017 0.102± 0.046
E′ [kPa] 527.2± 172.2 488.3± 163.9 556.3± 205.6 509.8± 163.5
E′′ [kPa] 50.76± 16.75 52.23± 28.91 64.59± 25.49 48.00± 20.31
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Figure 3.8: Loss tangent tan δ and standard deviation measured in dynamic cyclic tests for different
frequencies plotted alongside tan δ, based on relaxation data, calculated for different frequencies with
the generalised Maxwell model for a) porcine hepatic tissue (n = 12 for relaxation and n = 12 for
dynamic) and b) bovine tissue (n = 12 for relaxation and n = 12 for dynamic), asterisks marking
frequencies at which the properties found in the two testing methods were significantly different
(α = 0.05).
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Figure 3.9: Storage modulus E′ and standard deviation measured in dynamic cyclic tests for different
frequencies plotted alongside E′, based on relaxation data, calculated for different frequencies with
the generalised Maxwell model for (a) porcine hepatic tissue (n = 12 for relaxation and n = 12 for
dynamic) and (b) bovine tissue (n = 12 for relaxation and n = 12 for dynamic), asterisks marking
frequencies at which the properties found in the two testing methods were significantly different
(α = 0.05).
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Figure 3.10: Loss modulus E′′ and standard deviation measured in dynamic cyclic tests for different
frequencies plotted alongside E′′, based on relaxation data, calculated for different frequencies with
the generalised Maxwell model for (a) porcine hepatic tissue (n = 12 for relaxation and n = 12
for dynamic) and (b) bovine tissue (n = 12 for relaxation and n = 12 for dynamic), with asterisks
marking frequencies at which the properties found in the two testing methods were significantly
different (α = 0.05).

(p = 0.000006 and p = 0.002). For bovine tissue at 1 Hz, only E′′ was significantly
different depending the testing method (p = 0.01), while E′ was statistically the same
for relaxation and cyclic testing (p = 0.1).

3.4 Discussion

For evaluating liver mechanical properties, different tests were performed in tension on
bovine and porcine hepatic parenchyma samples. In order to describe non-linear as well
as viscoelastic behaviour, mechanical testing consisted of ramp loading and unloading,
stress relaxation, and DMA. In the following section, the resulting properties from the
different tests are discussed and finally the two viscoelastic testing methods (stress
relaxation and DMA) are compared with each other.

Ramp test The ramp stress-stretch curves were interpreted based on a hyperelastic
modelling approach, utilizing a Veronda-Westmann strain energy function.

Chui et al. [2004] examined different strain energy functions for hyperelastic mod-
elling of combined compression and elongation of porcine liver parenchyma at a much
faster strain rate of approximately 0.03 s−1 than the current study (0.001 s−1), however
without modeling unloading. The Veronda-Westmann model thereby yielded average
parameters of c = 0.07 kPa and β = 4.5, which are lower than the current results
(cload = 0.35 kPa and βload = 35.1 for porcine tissue). The differing model parameters
could be attributed to the higher strain rate, used by Chui et al. [2004]. Interestingly,
it is counterintuitive that the stiffness would be lower for higher strain rates. The
results furthermore differ when comparing the magnitude of stress found for similar
strains, with Chui et al. [2004] obtaining much smaller stresses than stresses measured
in in the current study. Other publications [Lu et al., 2014, Dunford et al., 2018]
reported similar stress magnitudes as found in the current study, even though strain
rates were also higher with 0.01 s−1. This discrepancy between stress response found
in Chui et al. [2004] and other publications could be explained by differences in sample
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fixation strategies during testing: For example, Chui et al. [2004] glued the samples
to movable plates while Lu et al. [2014], Dunford et al. [2018], and the here-presented
study utilized tissue clamps. Another difference is that Chui et al. [2004] reported
stretch based on the machine displacement, while the other mentioned studies utilized
optical measurement.

The current loading curves of the ramp tests were nearly linear for small strains
up to 3% (see Figure3.7a), which is similar to behaviour reported by Hollenstein et al.
[2006] and Snedeker et al. [2005], who calculated initial stiffness up to 2% and 5% for
hepatic and renal capsule tissue, which means that a single modulus EI can describe
tensile behaviour of liver up to a strain of 3% with sufficient accuracy. Furthermore, it
can be observed that the parenchyma is much softer than the capsule when comparing
average EI = 30 kPa for bovine and porcine tissue, found in the current study, with
the values reported for capsule of around 1100 kPa [Hollenstein et al., 2006]. This huge
difference shows that for complete liver characterisation, capsule as well as parenchyma
need be examined.

While EI was the same for porcine and bovine tissue, stiffness differences between
the two tissues only became apparent for higher strains in EII and EIII. This could be
due to histological differences of the tissues: Porcine hepatic tissue exhibits a higher
content of collagen than bovine tissue [Neuman and Logan, 1950], which is the main
structural protein in healthy liver due to elastin content being very low [Kanta, 2016].
While elastin mainly contributes to the the initial stiffness in the initial linear region
of the stress-stretch curve, collagen characterises the tissue stiffness for higher strains
[Duong et al., 2015]. Thus, the higher stiffness in EII and EIII of porcine liver could
be explained by its higher collagen content compared to bovine liver.

Regarding the comparison of animal and human hepatic tissue, Kemper et al. [2010]
tested human liver parenchyma in uniaxial tension at different strain rates, showing
that failure stress and stretch were very similar to bovine but significantly different to
porcine hepatic tissue by comparing their results with Santago et al. [2009] for bovine
and with Uehara [1995] for porcine tissue. Thus, it would be interesting to further
investigate the similarity between the tissue types, not only for failure properties but
also for stiffness in sub-failure strain ranges. Concerning its collagen distribution,
human liver corresponds better to bovine than porcine liver [Zhang, 1999, Eurell and
Frappier, 2006, Lowe and Anderson, 2015], which might lead to similar stiffness of
human and bovine tissue, especially in terms of EII and EIII. This, however, still
remains to be shown in future research.

The resulting relative dissipation of around 1 for porcine and bovine tissue indi-
cated that liver tissue is highly viscoelastic, which motivated the detailed analysis via
relaxation and dynamic cyclic testing.

Stress relaxation In order to quantify the viscous properties of liver tissue that
already became visible as hysteresis and, with that, energy dissipation in the ramp
tests, stress relaxation experiments were performed.

The stress decline over time was modelled with a 3-element Prony series and vis-
coelastic properties tan δ, E′, and E′′ were calculated in the frequency domain. Re-
sulting mean tan δ = 0.07− 0.22 for porcine and mean tan δ = 0.05− 0.17 for bovine
tissue corresponded very well to previously published values. For instance, the loss
tangent has previously been reported to be in a range of 0.20− 0.25 for dynamic com-
pression of canine liver [Kiss et al., 2004], dynamic shear of porcine and murine liver
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[Wex et al., 2014, Zhang et al., 2017], and indentation relaxation of porcine and bovine
liver [Estermann et al., 2020a].

Average storage and loss moduli for porcine as well as bovine hepatic tissue of
around E′ = 100 kPa and E′′ = 5−20 kPa found in the current study match the values
reported by Ocal et al. [2010] for bovine liver in compression (average E′ = 75 kPa
and E′′ = 10 kPa after 48 h preservation for comparable frequencies) well.

Furthermore, the absolute value of the complex modulus |E∗| = √
E′2 + E′′2 =

10− 40 kPa was reported by Zhang et al. [2007] for compression tests on bovine liver,
which is lower than the |E∗| = 100 kPa of the current study. However, Zhang et al.
[2007] refrigerated the cut samples over night in saline solution before testing, which
could have lead to a decrease in stiffness [Dunford et al., 2018].

Kiss et al. [2004] reported E′ = 50 kPa and E′′ = 10 kPa for f = 1.0 Hz in
dynamic compression of canine liver, with E′ being lower than the current values and
E′′ matching very well. The lower stiffness concerning the storage modulus could
be associated with differences between canine and bovine/porcine liver or differences
between compression and tension.

For all conducted experiments, the relative dissipation was calculated, yielding
the highest values of Wdis/Wst for relaxation, compared to ramp testing and DMA.
Wdis/Wst describes tissue behaviour in a specific experimental framework and is not un-
derstood as material property. Differences in relative dissipation are caused by inherent
differences in the loading methods and cannot be compared directly between the meth-
ods. For instance, relative dissipation of stress relaxation is not frequency-dependant
and describes viscoelasticity in a temporal sense. Relative dissipation of DMA, on the
other hand, was calculated depending on the frequency. However, Wdis/Wst can be
used as a straight-forward parameter for comparing materials that were tested with
the same method.

Dynamic cyclic testing Additionally to stress relaxation, DMA was conducted as
the gold standard in terms of measuring viscoelastic properties. The large strain ramp
tests yielded notable hyperelastic behaviour in their stress-stretch plots. However, due
to the fact that the strain amplitudes used for DMA were very small (0.6%), linear
elastic behaviour was assumed for the given prestrain level (8%) for the DMA tests in
the range of the amplitude.

The sinusoidal stress and strain curves directly yielded the viscoelastic properties
tan δ, E′, and E′′ for different frequencies (f = 0.5, f = 1.0, f = 1.5, and f = 2.0 Hz
for porcine tissue and f = 0.5 and f = 1.0 Hz for bovine tissue). No clear trend,
concerning the influence of frequency on the measured properties, could be observed
(Figures 3.8 – 3.10). A much larger range of frequencies is necessary to accurately
evaluate the frequency-dependant behaviour, for example using a shear rheometer [Zhu
et al., 2013, Wex et al., 2014, Zhang et al., 2017]. Nevertheless, the here-presented
method proved feasible for probing a few distinct frequencies of interest.

The tensile dynamic loss tangent of the current study matches tan δ for compres-
sion, shear, and indentation found in literature [Kiss et al., 2004, Wex et al., 2014,
Zhang et al., 2017, Estermann et al., 2020a]. However, no other studies conducted in
tension were found, for comparing the current results of tensile storage E′ and loss
moduli E′′ directly.

As discussed above, storage and loss moduli from compressive experiments corre-
sponded to the current results for E′ and E′′ agreeably well for stress relaxation of
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bovine tissue. Furthermore, bovine tissue yielded similar results in DMA as in stress
relaxation. However, results based on DMA for porcine tissue were higher than previ-
ously published results for E′ and E′′ in compression [Kiss et al., 2004, Zhang et al.,
2007, Ocal et al., 2010]. This discrepancy could mean that there is a larger difference
between tensile and compressive properties for porcine tissue than for canine [Kiss
et al., 2004] and bovine liver [Zhang et al., 2007, Ocal et al., 2010].

Experiments, concerning viscoelasticity of human liver, by Lim et al. [2009] yielded
average tan δ = 0.6 for 1 Hz. However, these results were obtained via dynamic
indentation on the whole intact organ, including contributions from the capsule and
under different boundary conditions. Thus, to compare tan δ, E′, and E′′ of human
hepatic tissue to the current results, human liver needs to be tested with the same or
similar method.

Concerning relative dissipation, Wdis/Wst was calculated for each tested frequency.
When comparing Wdis/Wst between porcine and bovine tissue, no significant difference
can be observed between the tissue types. Thus, based on the here-presented dynamic
results alone, it can not be concluded which tissue type is more viscous.

Comparison of the viscoelastic parameters Hysteresis found in the ramp stress-
stretch curves, motivated further examination of liver viscoelastic behaviour. Thus,
stress relaxation and DMA were conducted for extracting storage and loss moduli,
as well as loss tangent. While DMA is the gold standard, concerning the evaluation
of these viscoelastic properties, it is connected to experimental difficulties. The fol-
lowing section should answer the question whether relaxation experiments can yield
comparable results to DMA.

Stress relaxation experiments, consisting of a single holding phase, were easier to
conduct compared to the dynamic tests: For example, in DMA the temporal stress
and strain resolution was of essence as phase shifts of approximately 15 ms had to
be measured, thus demanding an additional LVDT position sensor. The DIC system
which yields the accurate magnitude of strains does not necessarily coincide perfectly
in a temporal sense with the displacement of the machine.

Usually, DMA is conducted on rheometers designed specifically for this type of
experiment. However, the current setup consisted of a universal testing machine. Even
though only limited testing frequencies and no temperature variations were possible,
we were able to conduct the experiments without using a rheometer.

Ocal et al. [2010] also calculated storage and loss moduli based on relaxation data
as well as on dynamic cyclic testing for bovine hepatic tissue, finding a good agree-
ment between the two testing methods. However their experiments were conducted in
compression.

Concerning both porcine and bovine tissue, tan δ was statistically indiscernible
depending on the testing method in the current study (Figure 3.8). Big differences
in testing method, however, became visible for porcine liver when regarding E′ and
E′′ (Figures 3.9a and 3.10a), while agreement for E′ and E′′ of bovine tissue was
good (Figures 3.9b and 3.10b). Stress relaxation was conducted at 6% tissue strain
while dynamic cyclic testing was done at a strain level of 8%. This difference in strain
seems to be irrelevant for bovine tissue, which can be explained by the fairly linear
behaviour in terms of elasticity in Figure 3.7a; not however for porcine tissue which
exhibits a more pronounced non-linear stress relation for 6 − 8% strain. This means
that the difference between testing methods in porcine storage and loss moduli could
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be explained by the non-linear elastic behaviour found in the tested strain range, while
loss tangent tan δ was unaffected by the difference in strain level.

In conclusion, the comparison of stress relaxation and DMA results is feasible as
long as elasticity non-linearities are kept in mind. The results showed that tan δ is quite
robust in terms of slight variations of strain level between relaxation and DMA, while
E′ and E′′ are more severely affected. The here presented viscoelastic investigation is
novel in its application to hepatic parenchyma and provides a guideline for evaluation
of soft tissues mechanical properties in tension.

3.5 Limitations

Following limitations of this study should be pointed out:

• Concerning the force relaxation experiments, a perfect step displacement was
assumed where the tissue is stretched instantaneously. A more sophisticated
modelling approach, as suggested for example by Oyen [2005], would include the
influence of the finite ramp time.

• The methods for evaluating tan δ, E′, and E′′ are valid for linear viscoelastic ma-
terials, meaning that the viscoelastic properties are independent of strain up to
the limit of linear viscoelasticity. The limit of linear viscoelasticity reported for
liver in literature is based on oscillatory shear experiments at different compres-
sive preloads [Liu and Bilston, 2000, Tan et al., 2013, Wex et al., 2013, Ayyildiz
et al., 2014]. For example, Ayyildiz et al. [2014] found a linear shear strain limit
of 1% at a prestrain of 5% for bovine liver. In the current study, DMA was per-
formed at 8% prestrain, which was as low as possibly achievable with the given
setup, while still avoiding compression of the sample throughout the whole test.
Even though, the prestrain was higher than the limit for linear elasticity of 3%
found in the ramp tests, the amplitude of oscillation (0.6%) was small enough
to assume linear behaviour at the given prestrain level. However, we did not
perform amplitude sweep experiments in tension to verify the linear viscoelastic
limit.

• Given the long duration of the experiments (4 minutes for ramp tests, 5 minutes
for relaxation, and 23 minutes for DMA), tissue dehydration can not be ruled
out completely. Wetting the samples during testing was not possible, as water
drops on the point markers would have impeded the DIC measurement. Nicolle
and Palierne [2010] found an increase in stiffness and damping behaviour due to
dehydration in kidney tissue after a few minutes of dynamic shear testing.

• Furthermore, it should be noted that the tissue was not perfused, thus poroelastic
behaviour was not modelled in the current study. According to [Kerdok et al.,
2006] excised unperfused samples are stiffer and more viscous, compared to in
vivo conditions.

3.6 Conclusion

Hepatic parenchyma tissue is non-linear and viscoelastic. Thus, for comprehensively
describing liver mechanical properties, both aspects must be considered. First, the
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non-linear behaviour of porcine and bovine hepatic tissue was analysed via ramp tests
and interpreted in the framework of a pseudoelastic Veronda-Westmann model for
extracting strain-specific elastic moduli. Next, a method was presented to measure
viscoelastic properties (tan δ, E′′, and E′′) in tension utilizing stress relaxation, as well
as DMA. For each testing method, considerations of dissipated and stored energy were
presented.

DMA is the gold standard for examining linear viscoelastic properties, but is as-
sociated with many experimental difficulties (e.g. the necessity of an extremely high
temporal resolution of stress and strain measurement). We were able to answer the
question whether loss tangent, storage modulus, and loss modulus, based on the re-
laxation experiments, could approximate the dynamic viscoelastic properties, affir-
matively. However, special attention must be paid to the strain level at which the
experiments are conducted when comparing the two methods, in order to avoid differ-
ing properties due to non-linearities.

The interesting discrepancies that were found regarding mechanical properties of
bovine and porcine tissue call for further investigation on human hepatic tissue.
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3.8 Appendix

3.8.1 Ramp test: Hyperelastic models

Figure 3.11: True stress-stretch curve of one bovine loading sequence fitted with different hyperelastic
models

For selecting an appropriate hyperelastic model to represent the experimental ramp
stress-stretch data, four different models varying in complexity were tested (Neo-
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Table 3.4: Overview of material models with corresponding true stress expressions and model parameters,
and the corresponding coefficient of determination r2 for a typical bovine hepatic sample

Material model Stress expression Model parameters r2

Neo-Hookean σNH = 2 λ2 − 1
λ

c1 c1 0.9054
Mooney-Rivlin σMR = 2 λ2 − 1

λ
(c1 + c2

1
λ

c1, c2 0.9954

Veronda-Westmann σVW = 2 λ2 − 1
λ

cβ eβ(I1−3) − 1
2λ

c, β 0.9980
Yeoh σY = 2 λ2 − 1

λ
(c1 + 2c2(I1 − 3) + 3c3(I1 − 3)2) c1, c2, c3 0.9998

Hookean, Mooney-Rivlin, Veronda-Westmann, and Yeoh). All four models have pre-
viously been used to describe hepatic tissue [Chui et al., 2004, Hollenstein et al., 2006,
Umale et al., 2013]. Table 3.4 summarises the models, applied in a hyperelastic frame-
work for an isotropic, incompressible material under uniaxial tension with I1 being
the first strain invariant. The resulting stress-stretch curves for the different mod-
els and the experimental data are plotted in Figure 3.11 for a bovine hepatic sample
during extension. The coefficients of determination ranged from r2 = 0.9054 for the
Neo-Hookean model to r2 = 0.9998 for the Yeoh model (see Table 3.4). The stan-
dard deviation of r2 of each model was about 0.0005, when calculated for all samples
in loading and unloading. Thus the curves depicted in Figure 3.11 are considered
representative of the other samples.

The Yeoh model exhibited the highest coefficient of determination, however also
has the largest number of fitting parameters. The Veronda-Westmann model also pro-
vided excellent correlation with the experimental data (r2 = 0.9980) and has only two
fitting parameters. Furthermore, the Veronda-Westmann model was originally devel-
oped specifically for soft tissues [Veronda and Westmann, 1970]. Thus, the Veronda-
Westmann model was chosen for further calculations.

Detailed description of the different models and derivations of the equations can
be found elsewhere; for example in Holzapfel [2000] or Martins et al. [2006].

3.8.2 Stress relaxation: Influence of Prony series elements and hold-
ing time
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Figure 3.12: (a) Root-mean-square (RSME) and standard deviation of curve fitting Prony series with
different numbers of elements to the 300 s of stress relaxation of bovine and porcine tissue (f = 1 Hz);
(b) Loss tangent tan δ plotted for varying relaxation durations (N = 3, f = 1 Hz).

Concerning the choice of how many terms are necessary in Eq. 3.11 to accurately
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represent the experimental stress relaxation, the root-mean-square error (RMSE) –
which describes the goodness of fit – was plotted for N = {1, 2, 3, 4, 5} in Figure 3.12a.
After reaching an average level of 0.03 kPa for N = 3, the RMSE did not decrease
significantly when the number of terms was increased to N = {4, 5}. Compared to
N = 3, the RSME was about ten times higher for N = 1 and two times higher for
N = 2. Thus, the three element Prony series approach was selected.

When fitting the Prony series to the experimental data, the duration of the hold-
ing time could influences the resulting viscoelastic properties. Thus, the loss tangent
was examined by calculating tan δ for cut-off times ranging from 10 − 300 s. The
behaviour of tan δ depending on changes in test duration, can be seen in Figure 3.12b.
Even though the loss factors, calculated for different holding times, were statistically
not distinguishable from each other, the influence of the finite ramp time may not be
negligible for very short holding times [Liu and Bilston, 2002]. For further investiga-
tion, tan δ is reported for 300 s.
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Abstract

In medical training and research fresh human tissue is often replaced by preserved
human or fresh animal tissue, due to availability and ethical reasons. Newer preserva-
tion approaches, such as the Thiel method, promise more realistic mechanical proper-
ties than conventional formaldehyde fixation. Concerning animal substitute material,
porcine and bovine tissue is often chosen, as it is easily obtainable and certain similar-
ity to human tissue is assumed. However, it has not been thoroughly investigated how
Thiel preservation changes non-linear and viscoelastic behaviour of soft organ tissues.
Furthermore, differences in these properties between animal tissue and human tissue
have not been previously corroborated. We conducted ramp and relaxation tensile
tests on fresh human and Thiel preserved liver tissue, extracting strain-specific elas-
tic moduli, and viscoelastic properties. The results for fresh human liver were then
compared to corresponding results for Thiel preserved liver, as well as previously pub-
lished results for porcine and bovine liver. Our results showed that Thiel preservation
seems to be associated with increased stiffness as well as decreased viscoelastic damp-
ing behaviour. Porcine liver tissue was stiffer than human liver with similar viscoelas-
tic properties. Bovine liver exhibited similar stiffness as human liver, however lower
viscoelastic damping. The differences between human and animal liver tissue, con-
cerning their mechanical properties, can be explained by their characteristic histology.

70



CHAPTER 4. HUMAN, ANIMAL, AND THIEL PRESERVED LIVER 71

Changes in mechanical properties due to Thiel preservation might stem from altered
protein cross-linking and dehydration. The results illustrate that appropriate materials
for medical training systems must be selected based on which mechanical properties are
relevant for the respective application.

Keywords: human liver tissue; mechanical properties; Thiel preservation; porcine
and bovine liver; viscoelasticity

4.1 Introduction

In the course of a physician’s education, anatomical study on human cadavers is very
common. Practicing on fresh human tissue is connected with ethical concerns, risk of
infection, and availability issues. To circumvent some of these problems, alternatives
to fresh human tissue include embalmed or fresh-frozen human tissue, animal derived
tissue, or artificial substitute materials.

Throughout history, various embalming techniques have been developed to prevent
the decomposition of fresh tissues. Amongst the more recent strategies, the so-called
Thiel method — described by its creator as “the preservation of the whole corpse with
natural color” — aims at more realistic material properties, compared to previously
utilized embalming techniques [Thiel, 1992]. In brief, Thiel’s method involves first
injecting the body with two infusion solutions and then storing it in an immersion
solution for approximately 6 − 8 months. The fluids contain chlorocresol solution,
various salts for fixation, boric acid for disinfection, and ethylene glycol for preservation
of elasticity, alongside very low levels of formaldehyde and other components [Thiel,
1992, 2002, Ottone et al., 2016]. Thiel preserved cadavers are becoming increasingly
popular in medical training and research due to their low toxicity and pliant nature
[Giger et al., 2008, Hölzle et al., 2012, Eisma et al., 2013, Usami et al., 2018].

Studies on how well Thiel preserved tissue really represents the mechanical prop-
erties of fresh tissue have been conducted on tendons [Fessel et al., 2011, Hohmann
et al., 2019] and a variety of other animal tissues [Ling et al., 2016]. For instance,
Fessel et al. [2011] found significantly altered mechanical properties of human and rat
tendons in tensile tests due to Thiel preservation. Ling et al. [2016] concluded, based
on optical coherence elastography, that stiffness increased during Thiel preservation
for chicken breast, chicken tendon, porcine liver, and porcine fat.

Besides preserved human cadavers, animals have also been used for surgical training
[Yokoyama et al., 2003, Tang et al., 2005, Laird et al., 2011]. However, the question
whether animal mechanical properties are comparable to those of human tissue remains
to be answered. Furthermore, ethical concerns, connected to using animals for medical
education, call for appropriate synthetic materials or virtual models to be used instead.
Thus, for answering the question of mechanical fidelity and also for developing artificial
training systems, accurate knowledge of the actual tissue properties is essential.

Hepatic tissue, in particular, is interesting to study because the liver is an integral
part of many surgical training models. For instance, common procedures such as
cholecystectomy and hepatectomy are nowadays widely done laparoscopically [Alli
et al., 2017, Yoshida et al., 2019] and require appropriate training systems due to the
unique challenges connected to laparoscopic approaches in comparison to open surgery
[Liu et al., 2018].

When comparing mechanical properties of animal liver with fresh human liver,
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Kemper et al. [2010] found that bovine liver was more similar to human than porcine
tissue in terms of failure stress. Failure strain was the same for human, porcine,
and bovine hepatic tissue. This difference may be attributed to the distinct structural
composition of the various parenchyma tissues; bovine liver thereby being more similar
to human liver than porcine liver [Zhang, 1999, Eurell and Frappier, 2006, Lowe and
Anderson, 2015].

The above mentioned studies compared mechanical properties of animal, human
fresh, and Thiel preserved tissue, concentrating on tissue elasticity and failure proper-
ties. However, viscoelasticity also plays an important role in soft tissue tactile prop-
erties [Klatzky et al., 2013]. Viscoelastic properties are usually assessed in dynamic
mechanical analysis, relaxation, and creep tests. Recently, a method was published
by Estermann et al. [2020b] for measuring tensile liver properties, concerning hyper-
elasticity and viscoelasticity, demonstrating that stress relaxation is an appropriate
method for quantifying storage modulus, loss modulus, and loss tangent for bovine
and porcine hepatic tissue. In the current study the reported method was applied to
human fresh and human Thiel preserved liver tissue for identifying the effect of Thiel
preservation, as well as illuminating the difference between human and animal tissues
in terms of hyperelastic and viscoelastic material behaviour. We aimed at answering
the question which substitute tissue (Thiel preserved, porcine fresh, or bovine fresh)
best represents fresh human liver tissue.

4.2 Materials & methods

4.2.1 Tensile test specimen

Mechanical testing was conducted on fresh unpreserved human liver, as well as Thiel
embalmed human liver samples. Results from testing porcine and bovine fresh hepatic
tissue with the identical testing method were taken from Estermann et al. [2020b].

One whole human liver (Figure 4.1a), provided by the Medical University Vienna,
was obtained from a body donor, deceased 5 days prior to sample preparation (female,
76-years old). The cause of death was myocardial infarction and arteriosclerosis, with
the liver exhibiting no visible pathological conditions.

The Thiel embalmed human liver was extracted from a body donor, preserved at
the Karl Landsteiner University of Health Sciences. Embalming of the entire body of
the donor was performed according to Thiel [1992] 24 h after death, employing the im-

Figure 4.1: Sample preparation: (a) Whole human liver; (b) Block of hepatic tissue was cut out of
the whole organ and placed in the 3D printed cutting guide; (c) Thin tissue layer was extracted from
the block, following the surface of the cutting guide; (d) Rectangular stencil was placed on the tissue
layer; (f) Sample was cut from the tissue layer (75× 20× 5 mm).
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proved preservation fluids as published in 2002 by Thiel [2002]. The injections with the
central-nervous-system-solution as well as intraluminal infusions of the digestive and
respiratory system were dispensable for the present study and thus omitted. During
the time between death and initiating preservation, the body was stored at 6◦.

Concerning the handling of human tissues, experiments were conducted in accor-
dance with the Committee of Scientific Integrity and Ethics of the Karl Landsteiner
University and the Medical University Vienna. All human tissue was obtained from
donors who gave informed consent before death for their bodies to be used for scientific
purposes.

Samples for tensile testing of human fresh and preserved liver were prepared ac-
cording to the method published by Estermann et al. [2020b], at the Medical University
Vienna and University Hospital St. Pölten, respectively. In brief, rectangular tensile
testing specimen (about 75× 20× 5 mm) were extracted from the whole organs using
surgical blades and 3D printed cutting guides, thereby making sure that the sam-
ples were extracted with their long axis oriented parallel to the diaphragmatic and
the visceral surface of the organs. The Glisson’s capsule was removed before sample
preparation, thus yielding samples that consisted predominantly of parenchyma tissue.
Large blood vessels and bile ducts were avoided as far as possible to ensure relatively
homogenous samples. See Figure 4.1 for an overview of the sample preparation. The
test specimen were stored in 0.9% NaCl saline solution after extracting them from the
whole organ and transported to the mechanical testing facility within approximately
one hour. Mechanical testing took place immediately upon arrival of the samples in
the laboratory at room temperature.

The animal tissues (one bovine and six porcine whole livers) were acquired from
a local butchery about 24 h after the animals’ death and samples were prepared and
tested immediately upon arrival in the biomechanics laboratory.

Human liver tissue is not easily obtainable for biomechanical studies, thus the
numbers of organs were limited to one fresh human and one Thiel preserved human
liver. It was therefore crucial to extract as many samples as possible from each liver.
However, the number of samples per liver is limited by the size of the organ, with
human and porcine livers being much smaller than bovine livers. As a consequence,
the number of samples was n = 13 for the fresh and n = 8 for the Thiel preserved
tissues, while the total number was n = 24 for porcine and n = 24 for bovine samples
(see Figure 4.2a and Table 4.1).

Table 4.1: Number of samples n tested for fresh human and pre-
served human tissue, as well as porcine and bovine tissue from Es-
termann et al. [2020b].

n ramp test n relaxation # Organs

Human fresh 8 5 1
Human Thiel 4 4 1
Porcine fresh 12 12 1
Bovine fresh 12 12 6



CHAPTER 4. HUMAN, ANIMAL, AND THIEL PRESERVED LIVER 74

4.2.2 Mechanical testing

Mechanical testing aims at relating force and displacement, whereas one is prescribed
and the other is measured as a response. For this, a mechanical testing machine (Zwick-
iLine Z2.5 by ZwickRoell GmbH & Co. KG, Ulm, Germany) was utilized for tensile
testing (Figure 4.2b). The liver samples were secured in the machine by clamping
them with custom-made tissue clamps allowing manual fine-tuning of the clamping
force (Figure 4.2c). Due to the fact that in soft tissue testing the resulting forces
are only in the range of a few Newtons, an additional load cell, with a measuring
range up to 100 N (S2M/100N, Hottinger Baldwin Messtechnik GmbH, Darmstadt,
Germany) was mounted below the lower clamp and connected to a universal data
acquisition (DAQ) module (QuantumX MX840B by Hottinger Baldwin Messtechnik
GmbH, Darmstadt, Germany). To measure the actual displacements within the sam-
ple, resulting from the displacement of the testing machine uM, a measuring length l
was defined on the gauge length of the samples using black and white sticky mark-
ers. Three marker pairs were arranged along the width of the sample to ascertain
whether the displacements were uniform along the sample width, with l being the av-
erage of these three distances. The change of length was recorded throughout the test
with a digital image correlation (DIC) system (Aramis by GOM GmbH Braunschweig,
Germany).

The surfaces of the top and bottom tissue clamps were covered with sandpaper (grit
P80) to avoid slippage of the samples during testing. Furthermore, due to the oily
nature of the Thiel tissue, additional adhesive (Super Glue, UHU GmbH & Co. KG,
Bühl, Germany) was used to attach the samples to the clamps. To mount the samples
in the testing machine, a procedure similar to the one described by Manoogian et al.
[2009] and Kemper et al. [2010], was followed. First the upper clamp was removed from
the testing machine and the sample was aligned and clamped therein. Next the top
clamp was placed back in the testing machine with the sample allowed to hang freely
for approximately three minutes under its own weight (approximately 8 g), enabling a
small consistent preloading of each sample. After carefully closing the bottom clamp,
the sticky markers for measuring with image correlation were applied and the cross-
section was measured with calipers at three locations along the measuring length. The
initial cross-section A0, needed for further data analysis, was calculated as the average
of the three measurements, while the initial length l0 was defined based on a single
DIC image taken before starting the test as the average of the distance between the
three marker pairs.

To obtain results that are independent of the sample geometry, the change in length
l was expressed in terms of the stretch ratio λ with

λ =
l

l0
(4.1)

and forces F were converted to true stresses σT (assuming incompressibility for liver
parenchyma [Chui et al., 2004]) with

σT =
F

A0
λ . (4.2)

Reported tissue strains were calculated with

ε = λ− 1 . (4.3)
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Figure 4.2: (a) The different examined organs (human fresh, human Thiel preserved, bovine fresh
and porcine fresh liver); (b) Overview of the complete test setup with the machine displacement uM,
upper and lower machine clamps, digital image correlation system (DIC), and data acquisition module
(DAQ) which is connected to the load cell; (c) Liver sample clamped with the tissue clamps, point
markers to measure the distance between the markers as length l and the tensile force F ; and loading
protocol for (d) ramp test and (e) relaxation.

Each sample was exposed to one of the following two mechanical testing methods:
ramp test or stress relaxation (Figure 4.2d–e). See Table 4.1 for a summery of examined
tissues and testing methods.

Ramp test A trigger signal was sent from the testing machine to the DIC system,
initiating the measurement of force and displacement. The cross-head of the testing
machine was moved up by a machine displacement of uM = 10 mm (corresponding to
tissue strain of ε = 0.12) at a speed of 5 mm/min (corresponding to a strain rate of
ε̇ = 0.06 min−1) and then moved back to its initial position at the same speed. Force
F (from the 100 N load cell) and change in length (from DIC) were both recorded at
a rate of 10 Hz.

Stress relaxation Again, a trigger signal, emitted from the testing machine, prompted
the image correlation system to start measuring upon initiating the displacement. For
this test, a machine displacement of uM = 5 mm (ε = 0.06) was applied rapidly within
0.4 s and then held for 5 min. Force F and change in length were both recorded at a
rate of 10 Hz.

4.2.3 Data analysis

Ramp test For an ideally elastic material loading and unloading would not lead to
hysteresis in its stress-stretch plot. However, due to the viscoelastic nature of hepatic
parenchyma tissue, even extremely slow ramp loading followed directly by unloading
results in hysteresis, meaning that energy was dissipated during the cycle. Modeling,
based on a purely hyperelastic approach, would neglect this viscoelastic behaviour.
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Figure 4.3: (a) Typical stress-stretch curve of fresh human sample in uniaxial tension with the exper-
imental true stress (red line), the experimental engineering stress (blue line), the Veronda-Westmann
curve fit (black line), the calculated elastic moduli (EI, EII, and EIII), and relative dissipation
Wdis/Wst; (b) Typical relaxation curve with the Prony series fit, based on a rheological model, which
yields E′, E′′, tan δ, and Wdis/Wst.

Thus, the loading and unloading branches were evaluated separately, as suggested by
Fung [1993], yielding two distinct sets of characteristic hyperelastic parameters.

In a hyperelastic model, a strain-energy function is required for establishing a
relation between stress and stretch. Based on thermodynamic, symmetry, and energy
considerations, an appropriate strain-energy function is chosen. In the current study
the strain-energy function for an isotropic material in uniaxial tension, suggested by
Veronda and Westmann [1970] for feline skin, was utilized. Following the explanation
given e.g. in Martins et al. [2006], the expression of true stress according to the
Veronda-Westmann model results in

σVW = 2 λ2 − 1

λ
cβ eβ(λ

2+ 2
λ
−3) − 1

2λ
, (4.4)

with c and β being the model parameters.
Based on the considerations, described above, Eq. 4.4 was fit to the experimental

true stress with a Levenberg-Marquardt algorithm [Marquardt, 1963] for the loading
and unloading part of the stress-stretch curves separately (see Figure 4.3a). Thus, the
resulting fitting parameters were cload and βload for the loading branch and cunload and
βunload for the unloading branch. For evaluating how well the model data corresponded
to the experimental data, the coefficient of determination r2 was calculated.

Next, for identifying characteristic stiffness, elastic moduli EI, EII, and EIII were
defined as the slope of the stress-stretch curve at specific points: EI for the initial part
of the curve, EII for large stretches up to the maximum point of the curve, and EIII

for initial unloading (see Figure 4.3a).
Furthermore, the ratio of dissipated to stored energy density was calculated based

on the stress-stretch curves and referred to as relative dissipation Wdis/Wst. In the
case of the ramp tests, the dissipated energy density Wdis is the area between the
loading and unloading curve, while the stored energy density Wst is the area under
the unloading curve [Estermann et al., 2020b]. Regarding relative dissipation, stress
is expressed as engineering stress σE = F/A0, due to this definition of stress being



CHAPTER 4. HUMAN, ANIMAL, AND THIEL PRESERVED LIVER 77

the work conjugate of stretch λ. The relative dissipation is understood as a means for
comparing different materials that were evaluated with the same mechanical testing
method and not as an intrinsic material property.

Stress relaxation For analysing the stress relaxation data, a step displacement was
assumed, meaning that the the holding phase was reached instantaneously. In brief,
the relaxation function which connects stress σ and strain ε0 of the holding phase was
modeled with a three element Prony series, resulting in

σ(t)Prony = E0 −
3

i=1

Ei(1− e
− t

τi ) ε0 , (4.5)

with the initial elastic modulus E0 (the ratio between stress and strain at the begin-
ning of the holding phase). Each Prony series term consists of its elastic moduli Ei

and characteristic relaxation time τi [Findley et al., 1989], which corresponds to the
generalised Maxwell rheological model (see Figure 4.3b).

Eq. 4.5 was used to approximate the experimental stress relaxation over the entire
holding time of 300 s, using non-linear least squares method with parameters limited
to positive values. Goodness of fit was evaluated based on the root-mean-square error
(RMSE).

Having obtained model parameters Ei and τi, the storage and loss moduli E′ and
E′′ were calculated with

E′ = E0 +

3

i=1

Eiω
2τ2i

1 + ω2τ2i
− Ei (4.6)

and

E′′ =
3

i=1

Eiωτi
1 + ω2τ2i

, (4.7)

where ω is the angular frequency. The ratio of loss modulus to storage modulus

E′′

E′ = tan δ =

3

i=1

ωτiEi

E0 − Ei + E0ω2τ2i
(4.8)

is called loss tangent tan δ, which is a characteristic viscoelastic property that describes
the frequency-dependent material damping behaviour [Estermann et al., 2020b]. The
viscoelastic properties, E′, E′′ and tan δ, were calculated for a frequency f of 1 Hz (ω =
2π rad/s), a frequency deemed relevant for assessment of tactile material properties
[Caldiran et al., 2018].

As explained above for the ramp tests, relative dissipation Wdis/Wst was also cal-
culated for the relaxation tests according to

Wdis

Wst
=

E1 + E2 + E3

E0 − (E1 + E2 + E3)
, (4.9)

with E0, E1, E2, and E3 being the Prony series elastic moduli [Estermann et al.,
2020b].
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4.2.4 Statistical analysis

First mean values and standard deviations were calculated for all obtained results
(cload, βload, cunload, βunload, Wdis/Wst, EI, EII, EIII, E

′, E′′, and tan δ). The resulting
mechanical properties were then checked for normal distribution using a Shapiro-Wilk
test (α = 0.05). Next, given normality, Welch’s t-tests were performed, without the
requirement of homogenous variances, for comparing each property pairwise between
tissue origins (fresh human, Thiel preserved human, fresh porcine, and fresh bovine).
Furthermore, the Welch’s t-test takes the unequal sample sizes of the compared groups
into account. Due to the repetition of t-tests, Bonferroni correction is required to ad-
just the level of significance α = 0.05 for multiple tests: For each individual comparison
the corrected level of significance α′ = α/4 is used. A p-value p < 0.0125 signifies that
two tissues are significantly different regarding a certain property.

4.3 Results

In the following section, results from ramp tests, concerning pseudoelastic behaviour,
as well as from stress relaxation, concerning viscoelastic properties, are presented for
fresh and preserved hepatic tissue of different species.

Ramp test Figure 4.4a displays the average stress-stretch curves of the tested liver
tissues. Characteristic tensile behaviour can be observed for the different tissues with
varying maximum stresses and strains. Human Thiel preserved liver exhibited the
highest maximum stress and bovine fresh liver the lowest. Concerning maximum
stretch, the mean values ranged from 1.113 for bovine tissue to 1.135 for Thiel pre-
served tissue. All four mean curves showed hysteresis between their loading and un-
loading part. Thus loading and unloading was modeled separately with a Veronda-
Westmann pseudoelastic model, yielding the parameters written in Table 4.2 for human
fresh and Thiel preserved liver as well as porcine and bovine fresh liver. The fitted
curves matched the experimental data very well, as can be seen in the coefficient of
determination r2 = 0.998 for all tissues.
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Figure 4.4: Characteristic curves of the different hepatic parenchyma tissues for (a) the ramp tests,
based on averaged values of stress and stretch for all tested samples, and (b) for stress relaxation,
based on averaged values of stress. Results for bovine and porcine tissue were taken from Estermann
et al. [2020b].
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Based on the true stress and stretch values resulting from the ramp tests, elastic
moduli were defined in specific regions of the curve. Results for low strain stiffness EI,
high strain stiffness EII, and unloading stiffness EIII are plotted in Figure 4.5a–c for
the different liver tissues, expressed as mean values and standard deviations. It can be
observed that the initial stiffness EI is around an order of magnitude smaller than EII

and EIII for the animal tissues (porcine, and bovine). For the human tissues, however,
EII is only around 3.5− 4.5 times higher than EI, which can also be seen in the more
linear curve for human fresh and Thiel in Figure 4.4a, compared to the other tissues.

Energy density considerations yielded the resulting relative dissipation Wdis/Wst,
plotted in Figure 4.5d for the tissue of preserved and fresh human liver and of fresh
porcine and bovine liver. It can be observed that the relative dissipation varies between
1 − 2, meaning that more more energy was dissipated than stored elastically in the
ramp tests. Similar results were thereby obtained for the human tissues — fresh
and preserved — while the two animal tissues were also similar to each other, but
significantly lower.

Table 4.2: Parameters (given as mean values and standard deviations) of the pseudo-elastic
Veronda-Westmann model and the respective coefficient of determination r2 for the tested
fresh and Thiel preserved human tissue with fresh bovine and porcine tissue taken from
Estermann et al. [2020b].

Tissue cload βload cunload βunload r2

human fresh 2.389± 0.444 8.668± 2.668 0.026± 0.034 75.45± 29.42 0.998
human Thiel 8.281± 5.597 6.431± 3.065 0.025± 0.012 64.95± 13.91 0.998
bovine fresh 0.542± 0.190 21.76± 8.953 0.013± 0.007 85.13± 23.97 0.998
porcine fresh 0.353± 0.237 35.11± 15.39 0.009± 0.008 101.50± 26.54 0.998



CHAPTER 4. HUMAN, ANIMAL, AND THIEL PRESERVED LIVER 80

Figure 4.5: Results of the ramp tests for human fresh and Thiel preserved tissue with porcine and
bovine fresh tissue from Estermann et al. [2020b] for (a) EI, (b) EII, (c) EIII, and (d) Wdis/Wst

expressed as mean values and standard deviations.
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Stress relaxation Hysteresis, observed in the ramp tests (Figure 4.4a), indicated
that further investigation into the viscoelastic tissue behaviour was necessary. Thus,
stress relaxation tests were conducted to obtain viscoelastic material properties. Fig-
ure 4.4b depicts characteristic average stress relaxation curves of all the tested livers.
Modeling these curves with the above described Prony series approach, yielded the
parameters listed in Table 4.3.

Mean values and standard deviations of the resulting viscoelastic mechanical prop-
erties E′, E′′, and tan δ were plotted in Figure 4.6a–c for the human tissues and animal
tissues.

Relative dissipation Wdis/Wst was evaluated for the relaxation tests based on the
Prony series parameters and plotted for the different tissues in Figure 4.6d. Concerning
the relaxation experiments, Wdis/Wst was also > 1, as was obtained for the ramp tests,
meaning that more energy was dissipated than stored elastically after relaxation.
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Figure 4.6: Results of the stress relaxation tests for human fresh and Thiel preserved tissue with
porcine and bovine fresh tissue from Estermann et al. [2020b] for (a) tan δ, (b) E′, (c) E′′ calculated
for 1 Hz, and (d) Wdis/Wst expressed as mean values and standard deviations.
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Statistical analysis In order to identify significant differences between the tested
liver tissues, p-values were calculated in pairwise t-tests. Tables 4.4 and 4.5 reveal
which materials were significantly different (p < 0.0125) from one another, concerning
certain mechanical properties. For example, human fresh hepatic tissue differs signifi-
cantly from human Thiel preserved tissue in terms of EI, EIII, and tan δ. Tissues that
are the most similar, based on the number of different properties, were porcine fresh
and Thiel preserved human tissue, as well as porcine and bovine fresh tissue.

Table 4.4: Properties that are significantly different (p < 0.0125), depending on the liver tissue origin,
listed for the ramp test.

human fresh human Thiel porcine fresh bovine fresh

human fresh EI, EIII EI, EII, EIII,
Wdis
Wst

EI,
Wdis
Wst

human Thiel EI, EIII EI,
Wdis
Wst

EI, EIII,
Wdis
Wst

porcine fresh EI, EII, EIII,
Wdis
Wst

EI,
Wdis
Wst

EII, EIII

bovine fresh EI,
Wdis
Wst

EI, EIII,
Wdis
Wst

EII, EIII

Table 4.5: Properties that are significantly different (p < 0.0125), depending on the liver tissue origin,
listed for stress relaxation.

human fresh human Thiel porcine fresh bovine fresh

human fresh tan δ Wdis
Wst

tan δ, Wdis
Wst

human Thiel tan δ E′′, tan δ

porcine fresh Wdis
Wst

bovine fresh tan δ, Wdis
Wst

E′′, tan δ

4.4 Discussion

The mechanical properties of different liver tissues, commonly used in surgical training,
were studied. Tensile ramp and stress relaxation tests were conducted on fresh human,
Thiel preserved human, fresh bovine, and fresh porcine hepatic parenchyma, yielding
hyperelastic and viscoelastic behaviour. The resulting mechanical properties were
used for illuminating the effects of Thiel preservation and investigating the differences
between human and animal tissue.

Concerning the loading part of the ramp tests, the stress response to the applied
strains was comparable to curves previously published for human liver stretched until
failure [Kemper et al., 2010, Untaroiu et al., 2015]. The differences in maximum
mean stretch observed for the different tissues (Figure 4.4a) in the current study,
could stem from variations in sample clamping and also from inhomogeneities in the
measuring length. The ramp tests exhibited hysteresis between loading and unloading
and non-linear behaviour for the examined range of stretch for fresh human, bovine,
and porcine liver and for preserved human liver (Figure 4.4a). These results called for
a more extensive evaluation of viscoelastic behaviour via stress relaxation. All tested
tissues exhibited pronounced relaxation throughout the entire holding time of 300 s
(Figure 4.4b).
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Relative dissipationWdis/Wst provides indications on the shape of the mean curves,
resulting from a specific type of mechanical test. For example, high relative dissipation
in the ramp test means that the area between loading and unloading (dissipation) is
large, signifying a high extent of hysteresis. Resulting Wdis/Wst of the ramp test was
very similar for fresh and preserved human tissue, while porcine and bovine tissue also
exhibited similar Wdis/Wst, however lower than the two human tissues. Analogously,
for the relaxation tests Wdis/Wst characterises the relaxation curve shape via its de-
pendence on the Prony series spring elements. Again, human fresh and human Thiel
tissue were similar regarding relative dissipation, while Wdis/Wst of the animal tissues
was lower. In summary, the results indicate that Thiel preservation hardly effects
relative dissipation, regarding the presented ramp tests and stress relaxation.

Some of the results for human fresh and preserved liver are comparable to values
published in literature. For example, from stress-strain curves of tensile tests on fresh
human parenchyma, published by Kemper et al. [2010], a stiffness of about 50 kPa
for 5% strain was extracted (for a strain rate of 0.01 s-1), matching our results for
EI = 60 kPa very well. Furthermore, for higher strains of 15%, a stiffness of about
120 kPa was extracted from the curves reported by Kemper et al. [2010], which is
lower than resulting EII = 150 − 340 kPa of the current study. The difference in
stiffness might stem from the fact that tissues were tested less than 48 h post mortem
by Kemper et al. [2010]. According to Dunford et al. [2018], liver stiffness might
vary slightly (but not significantly) with storage time. Furthermore, different strain
rates were used in Kemper et al. [2010] and the current study. No results that are
comparable to EIII could be found in literature.

Concerning the obtained loss tangent for human fresh liver, tan δ = 0.21 − 0.26
matches values measured on canine liver parenchyma by Kiss et al. [2004] very well
(tan δ = 0.25). Results for human liver reported by Lim et al. [2009] were higher
(around 0.6). However, the dynamic indentation experiments by Lim et al. [2009]
were conducted on the surface of a whole intact organ, which includes contributions
from the liver capsule and, possibly, from large blood vessels.

Regarding storage and loss modulus, canine results of Kiss et al. [2004] were nearly
4 times lower than the current results for human tissue. This difference could be due
to the fact that moduli of Kiss et al. [2004] were measured in compression.

To our knowledge, tensile tests have not been conducted on Thiel preserved human
hepatic tissue previously. Based on optical coherence elastography, Ling et al. [2016]
reported the Young’s modulus of porcine Thiel embalmed liver to be around 350 kPa
which is quite similar to the average stiffness EII = 388 kPa found in the current study
for human Thiel embalmed tissue. Ling et al. [2016] found that Thiel preservation
increased the stiffness of porcine liver by about 65%, corresponding well to our data,
in that EII of preserved human liver was 57% stiffer than unpreserved liver. Concerning
viscoelastic properties, no studies reporting E′, E′′, and tan δ of Thiel preserved liver
tissue were found in literature.

Comparison of fresh human and Thiel preserved liver When comparing the
resulting mechanical properties of fresh and Thiel preserved human hepatic parenchyma,
the preserved tissue was significantly stiffer than the fresh tissue, concerning initial
loading EI and unloading EIII. Formaldehyde, which is contained in the Thiel solution
in small concentrations, is known to promote protein cross-linking between, as well as
within collagen molecules, thus increasing tissue stiffness [Fishbein et al., 2007]. Con-
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ventional preservation methods, using much higher formaldehyde concentrations than
Thiel solutions, yield an even higher increase in stiffness [Ling et al., 2016]. Besides
formaldehyde, the Thiel fluid also introduces various salts which bind water, previously
contained in the tissue. Tissue dehydration during Thiel preservation might lead to
an additional stiffening effect, as was reported by Kerdok et al. [2006] and Nicolle and
Palierne [2010] who compared fresh and dehydrated unpreserved liver. Regarding high
strain stiffness EII, in our study the difference between fresh and preserved tissue was
statistically not significant. These findings are consistent with Lee et al. [1989], who
investigated the effect of formaldehyde preservation on bovine pericardium in tension,
finding no significant difference between high strain moduli of fresh and preserved tis-
sue. Concerning the initial stiffness, results of Lee et al. [1989] for preserved tissue
were also significantly higher than for fresh tissue.

Regarding viscoelastic properties, Thiel preservation seemed to decrease damping
in terms of tan δ by around 40% compared to fresh tissue. A similar observation was
made by Lee et al. [1989] for fresh and formaldehyde preserved bovine pericardium,
finding that relaxation was less pronounced after fixation. Possibly, the higher degree
of cross-linking prohibited extensive relaxation behaviour in the Thiel preserved liver
tissue. Furthermore, fixation-related dehydration could have influenced the viscoelas-
tic tissue properties by preventing the movement of water through the tissue.

Despite the above described discrepancies between fresh and Thiel preserved hu-
man liver, our results showed that the Thiel method still maintains mechanical prop-
erties relatively well. This is an important finding, especially when considering how
drastically mechanical properties of formalin preserved cadavers are altered. Con-
ventional formalin embalming results in extreme hardening of soft tissues and is not
suitable for surgical training [Hayashi et al., 2016].

Comparison of fresh human and porcine liver When comparing fresh human
and fresh porcine hepatic tissue, significant differences (p < 0.0125) were found re-
garding elastic moduli in all three regarded stretch ranges (EI, EII, and EIII), with
porcine fresh tissue being stiffer than human fresh tissue. The reason for this could be
due to histological differences between the tissues: porcine liver parenchyma exhibits
higher contents of collagen, especially in connective tissue septa, surrounding the in-
dividual lobules. These septa are found in porcine, but not in human hepatic tissue
[Kamimura et al., 2009]. Kemper et al. [2010] also found that porcine tissue was stiffer
than human tissue in tensile loading, attributing this effect to the correlation between
stiffness and collagen content. Experiments have shown that fibrotic liver is stiffer
compared to healthy tissue [Yeh et al., 2001]. With increasing severity of liver fibrosis,
tissue scarring leads to excessive accumulation of collagen in the tissue, indicating that
hepatic tissue stiffness is indeed proportional to collagen content [Mazza et al., 2007].

Concerning the viscoelastic properties E′, E′′, and tan δ, no significant differences
between fresh human and porcine tissue were found.

Comparison of fresh human and bovine liver While the collagen content differs
between human and porcine hepatic tissue, results of histological analysis show that
human and bovine hepatic tissue do exhibit similar amounts of collagen [Neuman and
Logan, 1950, Aycock and Seyer, 1989]. Therefore, it is not surprising that stiffness
concerning high strains (EII) and unloading (EIII) was similar for bovine and human
fresh liver; collagen being the major structural protein in hepatic tissue and mainly
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responsible for resistance to high strains.
Damping behaviour in terms of loss tangent tan δ was more than twice as high

for human fresh tissue, compared to bovine tissue. The loss tangent of fluid filled
porous media is proportional to the fluid volume fraction and the porosity of the
solid component [Bear and Corapcioglu, 1984]. Thus, the difference of tan δ between
human and bovine liver tissue could be explained by variations in the parenchymal
fluid network. Liver lobules are the functional units of parenchyma, consisting of the
portal triad (hepatic artery branch, portal vein branch, and bile duct), the central
vein, and — in the area in-between — hepatocytes and sinusoids. The sinusoids form
a network of specialised capillaries, which transport blood from the portal triad to the
central vein. Endothelial lining, perforated by pores called fenestrae, is present in the
sinusoids [Braet and Wisse, 2002]. The size and density of the sinusoids determines
the volume fraction of free fluid in the parenchyma, while the extent of fenestration
influences the porosity of the “solid” space surrounding the sinusoids. Differences in
sinusoid architecture between species have been observed [Wood, 1962, Higashi et al.,
2002]. Human liver parenchyma exhibits larger and more densely arranged fenestrae
in the sinusoid endothelial lamina than bovine tissue [Horn et al., 1986, Higashi et al.,
2002, Wisse et al., 2008]. Concerning differences in sinusoidal volume fraction, Debbaut
et al. [2012] reported 14.3 ± 2.8% for human liver, while Gröhn and Lindberg [1985]
found lower values of 13.2 ± 0.7% for bovine liver. Furthermore, light microscopy
images of stained liver sections by Madhan and Raju [2014] indicate that human liver
sinusoids might be larger than those of bovine parenchyma. Human and bovine liver
were both treated according to the same experimental protocol by Madhan and Raju
[2014], meaning that both specimen were fresh before they were prepared for imaging.
However, it should be noted that factors influencing sinusoidal shape and distribution,
such as age, lifestyle, and health status [Brunt et al., 2014, Wake and Sato, 2015], were
unknown for the donor liver imaged in Madhan and Raju [2014]. For a more detailed
interpretation, further research is necessary, regarding the inter-species differences in
terms of sinusoidal morphology.

In conclusion, the higher loss tangent of human liver compared to bovine liver,
could be explained by larger and more numerous fenestrae and a higher sinusoidal
volume fraction in human tissue.

4.5 Limitations

Following limitations of this study should be pointed out:

• The biggest limitation is that only one organ was tested for the preserved and
unpreserved human tissues, respectively. Therefore, possible variations between
individuals were not accounted for. When Untaroiu et al. [2015] tested two hu-
man donor livers in tension, they found no significant difference between donors,
regarding failure stress and failure strain. However, these results were based on
only two livers. Increasing the number of tested organs would surely be ben-
eficial in future studies, however availability of human livers for biomechanical
studies is very limited.

• The unpreserved human liver was harvested from a donor body, stored at 6◦ C
for 5 days after death before testing. Thus, tissue degradation may have al-
ready taken place to a certain degree. This could lead to confounding differences
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in mechanical properties between the fresh animal tissues and the fresh human
tissue, which may actually be attributed to post mortem tissue changes. Fur-
thermore, Thiel preservation was also initiated on body donors less than 5 days
after death, with bodies also being cold-stored prior to embalming. However, re-
sults published by Duong et al. [2015] indicate that refrigerated storage of whole
livers for up to one week does not alter the tensile material properties. Liver
contains hardly any elastin, as opposed to other internal organs, such as the
kidney or spleen [Neuman and Logan, 1950]. Elastin degradation is the main
reason for early changes in mechanical properties during storage. Thus, liver
mechanical properties seem unaffected by cold storage in the first week, unlike
other elastin-rich organs [Tamura et al., 2002, Nguyen et al., 2012, Duong et al.,
2015].

• The fresh human liver was examined macroscopically before tesing and there was
no known history of liver-related pathologies of the donor. However, additional
histological analysis would have been beneficial to exclude possible inflammation
or steatosis of the tissue.

4.6 Conclusions

Uniaxial tensile tests were conducted on fresh human, Thiel preserved human, and
fresh animal hepatic parenchyma tissue, for comparing mechanical properties in terms
elasticity and viscoelasticity. The results confirmed non-linear and viscoelastic be-
haviour. Thiel preservation seemed to be associated with increased stiffness and a
reduction of damping behaviour in terms of loss tangent, due to increased protein
cross-linking and dehydration during preservation. Porcine tissue was stiffer, compared
to human fresh tissue, possibly due to histological differences in collagen content. Vis-
coelastic properties, however, were statistically the same for porcine and human fresh
tissue. Bovine and human tissue, being alike concerning collagen content, exhibited
similar stiffness for high strains and unloading. The loss tangent of human fresh tissue
was higher than bovine tissue, which could be explained by histological differences
concerning the hepatic sinusoid morphology.

In conclusion, amongst the examined substitutes for fresh human parenchyma, the
different mechanical properties were best matched by different tissues. Despite some
disparity regarding elasticity, the viscoelasticity of Thiel preserved human liver was
comparable to fresh human liver. In light of the current results, Thiel preservation
seems recommendable for the study of human anatomy and surgical training. For
applications that require accurate elastic properties, possibly in the context of testing
new medical devices, bovine liver should be used instead. Keeping this in mind, the
appropriate substitute tissue should always be chosen depending on its application.

4.7 Ethical approval
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Abstract

Anatomical models for research and education are often made of artificial materials
that attempt to mimic biological tissues in terms of their mechanical properties. Re-
cent developments in additive manufacturing allow tuning mechanical properties with
microstructural designs.

We propose a strategy for designing material microstructures to mimic soft tissue
viscoelastic behaviour, based on a micromechanical Mori-Tanaka model. The model
was applied to predict homogenised viscoelastic properties of materials, exhibiting a
matrix-inclusion microstructure with varying inclusion volume fractions. The input
properties were thereby obtained from compression relaxation tests on silicone elas-
tomers. Validation of the model was done with experimental results for composite
samples. Finally, different combinations of silicones were compared to mechanical
properties of soft tissues (hepatic, myocardial, adipose, cervical, and prostate tissue),
found in literature, in order to design microstructures for replicating these tissues in
terms of viscoelasticity.

The viscoelastic Mori-Tanaka model showed good agreement with the corresponding
experimental results for low inclusion volume fractions, while high fractions lead to
underestimation of the complex modulus by the model. Predictions for the loss tangent
were reasonably accurate, even for higher inclusion volume fractions. Based on the
model, designs for 3D printed microstructures can be extracted in order to replicate
the viscoelastic properties of soft tissues.

Keywords: soft tissues; micromechanical model; viscoelasticity; Mori-Tanaka model;
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homogenisation; silicone elastomer; stress relaxation

5.1 Introduction

Medical education and research require accurate models of human anatomical features
in terms of mechanical properties and morphology. Some models consist of biological
alternatives to fresh human tissue, such as animal tissue or preserved human cadavers,
while other models are made of artificial materials, due to practical reasons and ethi-
cal considerations. Most biological tissues exhibit viscoelastic behaviour and complex
microstructures, making it challenging to obtain realistic mechanical properties when
using artificial materials. According to Caldiran et al. [2019], viscoelastic cues play a
significant role in tactile perception. Therefore, it is important to match the viscoelas-
tic properties of the artificial material and tissue if the aim is to produce realistically
feeling models.

3D printing, or additive manufacturing, has gained traction in the field of anatom-
ical model production, addressing some issues of conventional models. For instance,
additive manufacturing allows the production of highly standardised models, as well
as patient-specific models based on medical imaging data. Early 3D printed mod-
els were often made of hard, rigid materials with unrealistic mechanical properties
[Starosolski et al., 2014, Anderson et al., 2016]. However, new developments, allowing
multi-material printing, yield interesting composite materials whose overall mechanical
properties can be influenced by adapting their microstructure, e.g. by combining dif-
ferent materials with fibres or spherical inclusions [Wang et al., 2016, Tarantino et al.,
2019, Ezzaraa et al., 2020]. Faced with so many possibilities, it has become impor-
tant to design the microstructure of the printed material according to its mechanical
requirements.

Modeling the mechanical behaviour of structures as a whole, including the under-
lying microstructure, leads to huge computational costs. Thus, numerical and analyt-
ical strategies have been developed, in the context of continuum micromechanics, for
homogenising mechanical properties by “replacing” the heterogenous composite with
an equivalent homogenous material. Most numerical approaches utilise finite element
analysis, especially concerning periodic microstructures [Suquet, 1987, Yvonnet, 2019].
Early analytical models include the Voigt [Voigt, 1887] and Reuss [Reuss, 1929] rule
of mixtures. Later, based on the Eshelby inclusion problem [Eshelby, 1957], the self-
consistent scheme [Hill, 1965a] and Mori-Tanaka approach [Mori and Tanaka, 1973],
were introduced. The advantage of these analytical models is that they require very
little computational time.

The Mori-Tanaka mean-field method, applied to the Eshelby inclusion problem,
is commonly used for homogenising mechanical properties of composite materials, ex-
hibiting matrix-inclusion morphologies [Mori and Tanaka, 1973, Benveniste, 1987].
Information on the individual phases—considering volume fraction, mechanical prop-
erties, and morphology—yields effective mechanical properties of the composite. Pre-
viously, Mori-Tanaka models have been used in the field of biomechanics for elastic
[Hellmich et al., 2004, Fritsch and Hellmich, 2007], poroelastic [Hellmich et al., 2009,
Morin and Hellmich, 2014], and viscoelastic [Eberhardsteiner et al., 2012] properties.
Viscoelastic homogenisation thereby relies on the Laplace-Carson transform for ex-
tending the framework from elastic to viscoelastic properties [Scheiner and Hellmich,
2009, El Kouri et al., 2015, Nguyen et al., 2016]. This is referred to as elastic-
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viscoelastic correspondence principle [Brinson and Lin, 1998]. Recently, the Mori-
Tanaka model has also been used for estimating the homogenised elastic properties
of multi-material 3D printed composites, without incorporating viscoelastic considera-
tions [Sano et al., 2018, Kong et al., 2019, Ezzaraa et al., 2020]. Concerning viscoelastic
properties of 3D printed materials, Andreasen et al. [2014] suggested using the cor-
respondence principle, applied to a finite element model, to optimise the structural
morphology of a two-phase composite for increased damping. Pathan et al. [2017] pro-
posed a numerical viscoelastic homogenisation approach of fibre reinforced polymers,
based on the correspondence principle.

The above mentioned modelling strategies for designing 3D printed microstruc-
tures, either neglect viscoelastic properties or involve numerical calculations. Even
when the correspondence principle is applied within analytical frameworks, complex
numerical calculations are typically required for the inversion of the Laplace-Carson
transform [Lévesque et al., 2007, Scheiner and Hellmich, 2009, El Kouri et al., 2015,
Nguyen et al., 2016]. Computational speed, however, is important when designing ad-
ditive manufacturing materials for soft tissue models, especially if different tissues are
to be combined in one model. Research by Xu et al. [2020] illustrates how viscoelas-
tic properties of 3D printed materials can be tuned, using microstructural designs
based on an analytical experimental model, however in the context of relatively hard
materials.

In this study, we propose using the Mori-Tanaka model and the correspondence
principle as a tool for designing materials that replicate viscoelastic properties of soft
biological tissues. The conceptualised composite materials could be potentially pro-
duced by recent methods in additive manufacturing. Viscoelasticity is described by
frequency dependant material properties (complex modulus, storage modulus, loss
modulus, and loss tangent); thereby avoiding inversion of the Laplace-Carson trans-
form. Specifically, the aim is to qualify a microstructure with matrix-inclusion mor-
phology, made from two silicone elastomers, as surrogate material for selected soft
tissues in terms of viscoelastic properties. Due to the analytical nature and simplicity
of the viscoelastic Mori-Tanaka model (vMTM), effective properties can be estimated
extremely fast without time-consuming numerical computation. The validation of the
model is done by compression testing silicone composite samples, produced by casting.

5.2 Materials & methods

A viscoelastic micromechanical model, based on the Mori-Tanaka method, was used for
homogenising the viscoelastic properties of soft, tissue mimicking, composite materials.
The considered composites consisted of a soft silicone matrix, containing randomly
distributed spherical inclusions with varying volume fractions. Different viscoelastic
soft silicone elastomers were used as input materials for the matrix and inclusion
phases of the vMTM, yielding composite materials with tuneable effective properties.
Viscoelastic properties of the individual silicone phases were found by conducting
compression relaxation tests on two soft silicones, as well as taken from previous studies
for two additional silicones. Furthermore, the model was validated with compression
relaxation tests on composite samples. Finally, the resulting effective viscoelastic
properties of the vMTM were compared to values reported for soft biological tissues
in order to find the ideal microstructure for mimicking these tissues. Figure 5.1 gives
an overview of the methods used in this study.
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Figure 5.1: The viscoelastic Mori-Tanaka model (vMTM) is fed with input properties of silicone
bulk materials from relaxation testing and literature; to validate the model, results are compared to
experimentally tested composite samples; the resulting homogenised viscoelastic properties, predicted
by the model, are compared to viscoelastic properties of biological tissues.
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5.2.1 Micromechanical model

The Mori-Tanaka model is a common mean-field approach, oftentimes used for the
homogenisation of linear elastic properties [Mori and Tanaka, 1973, Benveniste, 1987].
Due to the correspondence principle, a straightforward extension to linear viscoelastic
properties is possible [Hashin, 1965, Fung, 1965, Brinson and Lin, 1998]. In the fol-
lowing, the Mori-Tanaka model for homogenising elastic properties is first explained,
and then extended to viscoelastic properties.

As depicted in Figure 5.2, a heterogeneous composite material is considered, which
consists of an isotropic matrix phase m and a phase of embedded isotropic spherical
inclusions i. Homogenisation strategies aim at finding equivalent homogenous material
properties which cause the same mechanical behaviour as the heterogenous material
would, when observed on a macroscopic level.

Starting with linear elastic phases r, the 4th order stiffness tensor Cr relates the
2nd order tensors of average stress σσσr and average strain εεεr on the matrix and inclusion
level with

σσσr = Cr : εεεr . (5.1)

Considering the assumption of mean field approaches that the strain and stress fields
within each phase are constant, the average stress ΣΣΣ and average strain E are related
via the effective stiffness tensor Ceff on the composite level by

ΣΣΣ =
r

frσσσr = Ceff : E , (5.2)

with fr being the volume fraction of the phases.
In the context of mean-field micromechanical models, the average strain fields εεεr of

each phase r can be expressed in terms of the average macroscopic strain E, using the
4th order concentration tensor Ar associated with the individual phase [Hill, 1963], as

εεεr = Ar : E . (5.3)

After inserting Eq. 5.3 into Eq. 5.1 and subsequently into Eq. 5.2, the homogenised
stiffness tensor can be written as

Ceff =
r

frCr : Ar . (5.4)

The derivation of Ar of phase r results in

Ar = [I+ Pr,0 : (Cr − C0)]
−1 :

s

fs[I+ Ps,0 : (Cs − C0)]
−1

−1
(5.5)

composite inclusion 

matrix 

Figure 5.2: Schematic representation of the microstructure for micromechanical modelling.
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[Hill, 1965b, Laws, 1975, Hellmich et al., 2004], with s being the index variable stand-
ing for the different phases and I being the fourth order unity tensor. The Hill tensor
Pr,0 describes the interaction between phase r embedded in a fictitious unbounded
homogenous matrix with stiffness C0, and depends only on the characteristic shape
of r and the stiffness C0. It should be noted that Pr,0 is only defined for ellipsoidal
inhomogeneities, including extreme cases of ellipsoids, such as fibres and spheres. The
Mori-Tanaka method (C0 = Cm) [Mori and Tanaka, 1973, Benveniste, 1987] is ap-
plicable when the microstructure consists of two or more material phases, where one
phase can be identified as the matrix and the others as embedded inclusions, perfectly
bonded to the surrounding matrix. In the case of two phases (matrix m and inclu-
sion i), the homogenised stiffness tensor for the Mori-Tanaka method, after inserting
Eq. 5.5 into Eq. 5.4, results in

Ceff = fmCm+ fiCi : [I+Pi,m : (Ci−Cm)]
−1 : fmI+ fi[I+Pi,m : (Ci−Cm)]

−1
−1

,

(5.6)
with inclusion volume fraction fi and matrix volume fraction fm being connected via
fm = 1 − fi. For spherical inclusions in an isotropic matrix, Pi,m can be expressed
analytically, as will be shown later for an isotropic viscoelastic matrix.

The elastic-viscoelastic correspondence principle allows using relations, given above
for elastic properties, in an equivalent manner for the time- or frequency-dependent
properties of a viscoelastic material [Hashin, 1965]. The fourth order static stiffness
tensors Cr of the elastic phases is transformed via Laplace-Carson transform to the
frequency domain, yielding CLC

r (ω), in the case of viscoelastic phases [Hashin, 1965,
Fung, 1965, Brinson and Lin, 1998]. For harmonic excitation, the Laplace-Carson
transformed stiffness tensor CLC

r (ω) can be written in terms of the Laplace transformed
stiffness tensor CL

r (ω) as

CLC
r (ω) = iωCL

r (ω) = C∗
r(ω) , (5.7)

yielding C∗
r(ω), the complex frequency-dependent stiffness tensor whose components

consist of complex material properties [Lakes, 1998, Tschoegl et al., 2002, Andreasen
et al., 2014].

Replacing static Cm and Ci with complex stiffness tensors C∗
m(ω) and C∗

i (ω) in
Eq. 5.6 yields the effective complex stiffness tensor of the homogenised material for
the viscoelastic Mori-Tanaka model (vMTM)

C∗
eff(ω) = fmC∗

m(ω) + fiC∗
i (ω) : [I+ Pi,m : (C∗

i (ω)− C∗
m(ω))]

−1 :

fmI+ fi[I+ Pi,m : (C∗
i (ω)− C∗

m(ω))]
−1

−1
.

(5.8)

For a given volume fraction fi of spherical inclusions i in an isotropic matrix m, with
volume fraction fm = 1− fi, the 4th order Hill tensor Pi,m has the analytical solution
[Eshelby, 1957, Parnell, 2016]

Pi,m =
1

3k∗m + 4µ∗
m

J+
3k∗m + 6µ∗

m

5µ∗
m(3k

∗
m + 4µ∗

m)
K , (5.9)

with k∗m = k∗m(ω) and µ∗
m = µ∗

m(ω) being the complex frequency-dependent bulk and
shear moduli of the linear viscoelastic matrix, and J (Jijkl =

1
3δijδkl with Kronecker
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delta δij) and K = I − J the volumetric and deviatoric part of the 4th order unity
tensor.

To finally calculate the effective complex stiffness tensor C∗
eff(ω), based on the

vMTM (according to Eq. 5.8), the complex stiffness tensors of the phase bulk mate-
rials, C∗

r (ω) (for r = i, m), are required.
For isotropic linear viscoelastic phases, the complex stiffness tensors C∗

r(ω) can be
written in an analogous form to isotropic elastic materials [Scheiner and Hellmich,
2009]:

C∗
r(ω) = 3k∗r(ω)J+ 2µ∗

r(ω)K , (5.10)

with complex and frequency-dependent bulk and shear modulus k∗r(ω) and µ∗
r(ω).

Using relations

k∗r(ω) =
E∗

r (ω)

3(1− 2ν∗r (ω))
(5.11)

and

µ∗
r(ω) =

E∗
r (ω)

2(1 + ν∗r (ω))
(5.12)

[Tschoegl et al., 2002], the complex stiffness tensor of the phases (Eq. 5.10) can be
expressed, depending on their complex tensile modulus E∗

r (ω) and viscoelastic Pois-
son’s ratio ν∗r (ω). In the following section, it will be explained how E∗

r (ω) was mea-
sured experimentally. The viscoelastic Poisson’s ratio of the individual isotropic sil-
icone phases was assumed to be independent of frequency [Obaid et al., 2017] with
ν∗r (ω) = νr = 0.49 [Sparks et al., 2015, Müller et al., 2019]. As a consequence,
the main viscous contribution stems from shear relaxation, as opposed to the bulk re-
sponse [Holzapfel and Gasser, 2001, Pritz, 2009], which is supported experimentally for
rubbers [Wada et al., 1962, Theocaris, 1969, Pritz, 2007]. Subsequently, the obtained
phase tensors were inserted into Eq. 5.8 with varying volume fractions as matrix phase
C∗
m(ω) and inclusion phase C∗

i (ω), yielding the homogenized complex tensor C∗
eff(ω) of

the vMTM.
An equivalent way of writing an isotropic stiffness tensor, explicitly as a matrix in

Kelvin notation, yields

C∗(ω) =
E∗

(1 + ν∗)(1− 2ν∗)

⎛⎜⎜⎜⎜⎜⎜⎝
1− ν∗ ν∗ ν∗ 0 0 0
ν∗ 1− ν∗ ν∗ 0 0 0
ν∗ ν∗ 1− ν∗ 0 0 0
0 0 0 1− 2ν∗ 0 0
0 0 0 0 1− 2ν∗ 0
0 0 0 0 0 1− 2ν∗

⎞⎟⎟⎟⎟⎟⎟⎠ . (5.13)

Comparing the homogenised isotropic stiffness tensor C∗
eff(ω) from the vMTM to Eq.

5.13, yields an analytical solution for the effective complex modulus E∗
eff(ω) of an

isotropic matrix with isotropic spherical inclusions:
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E∗
eff = 9µ∗

m fik
∗
i (3k

∗
m + 4µ∗

m) + fmk
∗
m(3k

∗
i + 4µ∗

m)

5fi(3k
∗
m + 4µ∗

m)µ
∗
i + fm(9k

∗
mµ

∗
m + 8µ∗

m
2 + 6k∗mµ

∗
i + 12µ∗

mµ
∗
i ) /

5fi
2µ∗

m(3k
∗
m + 4µ∗

m)
2(3k∗i + µ∗

i )+

f2
m(3k

∗
m + µ∗

m)(3k
∗
i + 4µ∗

m)(9k
∗
mµ

∗
m + 8µ∗

m
2 + 6k∗mµ

∗
i + 12µ∗

mµ
∗
i )+

fmfi(3k
∗
m + 4µ∗

m) 3k∗m(24µ
∗
mk

∗
i + 6µ∗

i k
∗
i + 23µ∗

m
2 + 2µ∗

i µ
∗
m)+

µ∗
m(8µ

∗
m
2 + 32µ∗

i µ
∗
m + 24k∗i µ

∗
m + 51µ∗

i k
∗
i ) .

(5.14)

Extracting the real and imaginary parts of E∗
eff(ω) = E′

eff(ω)+iE′′
eff(ω), finally yields

storage and loss moduli E′
eff(ω) and E′′

eff(ω), as well as loss tangent tan δeff(ω) =
E′′

eff(ω)

E′
eff(ω)

.

5.2.2 Mechanical testing

With the viscoelastic homogenisation model at hand, combinations of soft bulk ma-
terials (arranged in matrix-inclusion morphology) can be determined that best mimic
certain soft biological tissues. In the following, two sets of mechanical tests were
conducted: First, the bulk viscoelastic material properties of silicone elastomers were
determined to serve as input for the vMTM. Second, composite samples, made from
two silicone phases, were tested and compared to the vMTM predictions to validate
the model (see Figure 5.1).

Silicone samples

Two types of samples were produced in this study, using two soft silicones which have
been previously shown to exhibit viscoelastic behaviour [Estermann et al., 2020a].
First, bulk material samples were produced to experimentally determine bulk vis-
coelastic properties of the respective silicones. The silicones were both two-component
room-temperature-vulcanising silicones: one with a nominal Shore A hardness of 13
(ZA13 Mould WT45, Polymerschmiede GmbH, Mönchengladbach, Germany), referred
to as ZA13, and the other with a nominal Shore 00 hardness of 10 (Ecoflex 00-10,
Smooth-On Inc., Macungie, Pennsylvania), referred to as EF10. The silicones were
prepared according to the recommendations of the manufacturers, in a 1:1 ratio of their
two components, and cast in cylindrical 3D printed moulds (diameter D0 = 42 mm
and height H0 = 42 mm). Before casting, liquid EF10 was placed in a vacuum des-
iccator for removing air bubbles. ZA13 was dyed red for better distinction and not
degassed, due to the fact that ZA13 was later-on used without degassing for the spher-
ical inclusions in the composite samples.

Second, composite samples with matrix-inclusion morphology were produced to
validate the vMTM model experimentally. The composite samples consisted of ZA13
spheres (radius r = 3 mm) embedded in a matrix of EF10, constituting cylindrical
samples (diameter D0 = 42 mm and height H0 = 42 mm). In order to yield effective
material properties, representative of the composite, the characteristic sample size (42
mm) must be at least 2–5 times larger than the characteristic size of the inclusions
(2r = 6mm) [Drugan and Willis, 1996].



CHAPTER 5. MICROSTRUCTURAL MATERIAL DESIGN 97

load cellload cell

compression 
plates

compression 
plates

clampclamp

clampclamp

samplesample

F

u

d)a)

vacuum pump

b) c)

E
F1

0

f i=
0.

16

f i=
0.

31

ZA
13

f i=
0.

46

u [mm]

t [s]300

5

e)

t [s]

σ [kPa]
f)

E*, E’, E’’ , tan δ 

measured data
Prony series

Figure 5.3: Overview of mechanical testing: (a) 3D printed mould for producing silicone spheres. (b)
Silicone spheres of ZA13 silicone, ready to be removed from mould. (c) Cylindrical samples of bulk
material EF10 and ZA13, and composite samples of EF10 matrix with varying volume fraction fi
of ZA13 inclusions. (d) Mechanical test setup with a composite sample tested in compression. (e)
Testing procedure for measuring stress relaxation by exposing the sample to a constant displacement
of 5 mm for 300 s. (f) Analysis of the relaxation data, based on the generalised Maxwell model,
yielding complex modulus E∗, storage modulus E′, loss modulus E′′, and loss tangent tan δ.

.
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The spheres were cast in the 3D printed device depicted in Figure 5.3a: liquid
ZA13 was poured into the top part of the mould, while a vacuum pump, connected
to the bottom part, drew the material into the mould. Upon hardening (24 h), the
top part of the mould was removed and opened, revealing connected silicone spheres
(Figure 5.3b). After separating the spheres from each other, they were mixed into
the liquid matrix material (EF10), cast into the cylindrical moulds, and left to harden
for 24 h before testing. Samples with different numbers of ZA13 spheres per sample,
n = {80, 160, 240}, were produced. The inclusion volume fractions fi were calculated
according to

fi =
4r3n

3(D0/2)2H0
, (5.15)

yielding average volume fractions fi = 0.16 for n = 80, fi = 0.31 for n = 160, and
fi = 0.46 for n = 240 (with r = 3 mm), based on measured D0 and H0. Casting
single spheres of ZA13 into EF10 revealed strong adhesion between the two silicones,
justifying the mean field model’s assumption of perfect bonding between the phases.

Four samples, depicted in Figure 5.3c, were tested for each type of material.
Furthermore, the viscoelastic properties of two types of soft, highly viscous sili-

cone elastomers, found in literature, were included in the model. First, Sylgard 184,
a commercial silicone elastomer, was chosen due to its broad application in biomed-
ical engineering, including in microfluidics [Peterson et al., 2005, Pitts et al., 2013,
Johnston et al., 2014], microelectronics [Blau et al., 2011, Kim et al., 2011], and
mechanobiology [Teixeira et al., 2009, Hopf et al., 2016]. Furthermore, Sylgard 184
has also been used as a tissue mimicking material in terms of mechanical properties,
for instance in the context of vascular modelling [Brown et al., 2005, Colombo et al.,
2010]. Viscoelastic results for Sylgard 184 were extracted from Bartolini et al. [2018]
who conducted dynamic cyclic nanoindentation.

Second, Elastomer-HV22, a non-commercial experimental elastomer, was selected.
Hu et al. [2020] investigated and developed Elastomer-HV22, aiming at finding an ex-
tremely soft, yet elastic, elastomer for replicating human muscle. Originally published
by Goff et al. [2016], the experimental elastomer is based on the main constituent of the
commercial Exsil elastomer (Gelest Inc, Morrisville, Pennsylvania); however, adapted
to eliminate typical covalent cross-links. Viscoelastic properties of Elastomer-HV22
were reported by Hu et al. [2020] who applied oscillatory shear testing.

Stress relaxation tests

Stress relaxation is one of the many methods, used for evaluating linear viscoelastic
properties of materials. The decline in stress is measured in a sample, exposed to
displacement that is held constant over a period of time. Evaluating this relaxation
data using a Prony series approach, the viscoelastic material parameters of the sample
can be extracted. In detail, a universal mechanical testing machine (ZwickiLine Z2.5,
ZwickRoell GmbH & Co. KG, Ulm, Germany) with custom-made compression plates
(radius 50 mm), and an extra load cell (S2M/100N, Hottinger Baldwin Messtechnik
GmbH, Darmstadt, Germany) which was connected to a universal data acquisition
module (QuantumX MX840B, Hottinger Baldwin Messtechnik GmbH, Darmstadt,
Germany), were used for testing (see Figure 5.3d). First, the sample was placed on
the bottom compression plate, with lubricating silicone oil applied to both platens to
reduce friction. Then, the top compression plate was lowered until a small compressive
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force (of around 0.15 N) was recorded, signifying contact with the sample. As depicted
in Figure 5.3e, a machine displacement u = 5 mm was applied within 0.4 s and held
for 300 s. Force F and machine displacement u were both recorded at a rate of 10 Hz.

Compression testing can be influenced by adverse effects, such as barreling of the
sample and unclear boundary conditions, caused by friction between the sample and
the platens. Selecting an adequate ratio of sample height H0 to diameter D0, as well
as applying lubrication between the sample and platens can ameliorate these issues.
According to Kim et al. [2018], a ratio H0/D0 = 1.0 should be chosen for rubber
materials in compression testing to obtain nearly friction-free conditions. Furthermore,
strain at the holding phase was small (ε0 = 0.12) so as to remain in the linear region
for silicone [Hattab et al., 2020].

Concerning data analysis, uniaxial (in direction of the sample axis) engineering
strain ε = u/H0 and stress σ = F/A0 were calculated, with initial sample height H0

and initial sample cross section A0. For extracting linear viscoelastic properties, step-
loading was assumed. The relaxation function, which relates stress σ(t) and constant
strain ε0 during the holding phase, was approximated with a three-element Prony
series [Findley et al., 1989], yielding

σ(t)Prony = E0 −
3

i=1

Ei(1− e
− t

τi ) ε0 . (5.16)

The Prony series approach corresponds to the generalised Maxwell rheological model
(see Figure 5.3f), with E0 being the initial elastic modulus at the beginning of the
holding phase, and Ei and τi being the elastic moduli and characteristic relaxation
times of each series element i. Three elements were shown by Estermann et al. [2020a]
to adequately describe the relaxation behaviour of the considered silicones. Using a
non-linear least squares method with parameters limited to positive values, Eq. 5.16
was fit to the experimentally obtained stress data, yielding the Prony series parameters
(E0, Ei, τi).

In order to calculate the frequency-dependent storage and loss moduli, E′(ω) and
E′′(ω), the constitute equation (Eq. 5.16) was transformed via Laplace transform to
the frequency domain and split into real and imaginary part, yielding [Brinson and
Lin, 1998, Gutierrez-Lemini, 2014]

E′(ω) = E0 +

3

i=1

Eiω
2τ2i

1 + ω2τ2i
− Ei (5.17)

and

E′′(ω) =
3

i=1

Eiωτi
1 + ω2τ2i

. (5.18)

Finally, loss tangent tan δ(ω) = E′′(ω)
E′(ω) and the absolute value of the complex modulus

|E∗(ω)| = E′(ω)2 + E′′(ω)2 were calculated.

In the following section, all results are reported for a frequency of 1 Hz (i.e. ω = 2π
rad/s). The reason behind the selected frequency is that 1 Hz is typically used for
assessing tactile properties [Caldiran et al., 2018]; a crucial aspect when dealing with
materials that should feel similar to biological tissues.
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As described above, compression relaxation tests were conducted on bulk samples
of EF10 and ZA13 for extracting their compressive complex moduli E∗ and inserted as
matrix (EF10) and inclusion (ZA13) phase into the vMTM, yielding effective storage
modulus E′

eff, loss modulus E′′
eff, absolute value of the complex modulus |E∗

eff|, and loss
tangent tan δeff. The viscoelastic properties stemming from the vMTM were then vali-
dated with corresponding results of experimentally tested composite samples. Finally,
the effective viscoelastic properties, calculated for combinations of different soft sili-
cones (EF10, ZA13, Sylgard 184, and Elastomer-HV22) were compared to viscoelastic
properties found in literature for soft biological tissues.

5.3 Results

The viscoelastic Mori-Tanaka model was used for estimating the effective viscoelastic
properties of composite materials, consisting of different viscoelastic silicone elastomers
(EF10, ZA13, Sylgard 184 and Elastomer-HV22). In order to validate the model
experimentally, composite samples made of EF10 and ZA13 were tested and compared
to the model predictions. Finally, the viscoelastic properties of the composites were
compared to previously published properties of soft biological tissues in order to find
tissue-mimicking combinations of silicones.

5.3.1 Experimental validation of the model

Figure 5.4 depicts the model results for a material, consisting of a EF10 matrix with
spherical ZA13 inclusions for different volume fractions. Comparison of the model
results with the experimental results shows that for small inclusion volume fractions
(fi = 0.16) the model predictions were quite accurate. For higher inclusion volume
fractions (fi = 0.31 and fi = 0.46) the model predictions seemed to underestimate
complex modulus |E∗| and storage modulus E′, while loss tangent tan δ was still pre-
dicted accurately. The model line (in Figure 5.4a for |E∗| and tan δ and in Figure 5.4b
for E′ and E′′), did, however, follow a similar trend as the experimental values.

5.3.2 Tissue-mimicking composite materials

After assessing the validity of the vMTM experimentally, using EF10 and ZA13 com-
posite samples (see previous section 5.3.1), two additional, very soft and highly vis-
coelastic, silicone elastomers were used as input for the model. For this, the viscoelastic
properties of Sylgard 184 [Bartolini et al., 2018] and Elastomer-HV22 [Hu et al., 2020]
were taken from literature (see Table 5.1) and introduced into the vMTM as spherical
inclusion phase.

Bartolini et al. [2018] tested the polydimethylsiloxane Sylgard 184 (Dow Corning
Inc., Midland, Michigan) with oscillatory nanoindentation, yielding a mean storage
modulus of E′ = 31 kPa and loss modulus of around E′′ = 5 kPa (at 1 Hz). The
elastomer base and curing agent were mixed in a relatively high weight ratio of 50:1
and degassed in vacuum by Bartolini et al. [2018].

Concerning Elastomer-HV22, the oscillatory shear storage modulus and loss tan-
gent were reported by Hu et al. [2020] and converted to tensile storage modulus E′

(using Eq. 5.12). At a frequency of 1 Hz, resulting storage modulus was approximately
E′ = 104 and loss tangent tan δ = 0.2.
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Figure 5.4: Viscoelastic properties of the bulk silicones EF10 and ZA13 (black triangles and black
squares) and composite samples (red, orange, and green diamond symbols for different inclusion
volume fractions fi of ZA13 in EF10 matrix), based on the experiments; and results of the viscoelastic
Mori-Tanaka model (vMTM) for corresponding matrix-inclusionin materials (rainbow coloured circles
for varying fi). Circles and diamonds of the same colour represent the same inclusion volume fraction.
(a) Absolute value of the complex modulus |E∗| plotted against loss tangent tan δ (frequency 1 Hz).
(b) Storage modulus E′ plotted against loss modulus E′′ (frequency 1 Hz).

The viscoelastic properties of various soft biological tissues are listed in Table 5.1.
Values for biological tissues that were not explicitly given in the cited publications
had to be calculated based on the reported values. Missing standard deviations were
calculated using Gaussian propagation of uncertainty for uncorrelated variables [Ku,
1966].

Figure 5.5 depicts resulting effective properties, predicted by the vMTM, for spher-
ical inclusions of different silicone elastomers with various volume fractions fi in a
matrix of EF10 (Figure 5.5a and c) and in a matrix of ZA13 (Figure 5.5b and d).
Furthermore, viscoelastic properties of soft biological tissues are also indicated in Fig-
ure 5.5 to allow straightforward comparison with the silicone composites.

Figures 5.5a–d demonstrate that the bulk material of EF10 and ZA13 alone, do
not match the viscoelastic properties of soft biological tissues very well. However,
according to the model, a combination of the the two (with EF10 being the matrix
and ZA13 the spherical inclusions) yielded effective properties close to bovine and
porcine liver parenchyma for fi = 0.5 − 0.6. Compared to the softest silicone, tested
experimentally in this study (EF10), adipose and myocardial tissues were even softer
(concerning |E∗| and E′). Prostate and cervical tissue exhibited similar values of |E∗|
and E′ as EF10 with higher viscous contributions (tan δ and E′′). All considered
biological tissues tended to exhibit higher values of tan δ, compared to the EF10 and
ZA13 composites. Introducing, two further silicones, whose viscoelastic properties
were found in literature (Sylgard 184 [Bartolini et al., 2018] and Elastomer-HV22 [Hu
et al., 2020]), enabled simulating more viscous composites in terms of tan δ and E′′.

The results show that effective viscoelastic properties are adaptable, depending on
the chosen constitutive materials and volume fractions.
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Figure 5.5: Effective properties, according to the vMTM, for different combinations of silicone elas-
tomers and viscoelastic properties of soft biological tissues (at a frequency of 1 Hz): (a) Absolute
value of the complex modulus |E∗| and loss tangent tan δ for EF10 matrix with spherical inclusions.
(b) Absolute value of the complex modulus |E∗| and loss tangent tan δ for ZA13 matrix with spherical
inclusions. (c) Storage modulus E′ and loss modulus E′′ for EF10 matrix with spherical inclusions.
(d) Storage modulus E′ and loss modulus E′′ for ZA13 matrix with spherical inclusions.
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5.4 Discussion

In this study, we aimed at defining tissue-mimicking microstructures by using the
vMTM for homogenising viscoelastic properties of soft silicone composites of matrix-
inclusion morphology. Viscoelastic input properties for the vMTM were found by
compression relaxation testing of two silicones (EF10 and ZA13), as well as by us-
ing viscoelastic properties reported in literature (Sylgard 184 and Elastomer-HV22).
Model validation was done by comparing vMTM results for composites (EF10 matrix
with ZA13 inclusions) with corresponding experimentally tested composite samples.
The model predictions indicate how materials should be designed to achieve effective
viscoelastic properties, similar to soft biological tissues.

5.4.1 Experimental results — bulk materials

Viscoelastic results, found for the tested bulk silicone elastomers in this study, were
partially comparable to previously published results. For instance, concerning EF10,
the storage modulus E′— representing the elastic part of the complex modulus—was
similar to results published by Vaicekauskaite et al. [2020] for the Young’s modu-
lus (around 50 kPa). Regarding macroindentation of EF10, an average loss tangent
tan δ = 0.28 was reported in an earlier study [Estermann et al., 2020a], which is much
higher than current results (approximately tan δ = 0.09). However, variations amongst
silicone batches were likely the reason for this difference. It was observed that EF10,
purchased for the earlier study [Estermann et al., 2020a] in 2019, exhibited a more
sticky surface, lighter colour, and was palpably softer than the EF10 of the current
study (purchased in late 2020). Concerning ZA13, the loss tangent found via macroin-
dentation of 0.03 − 0.06 [Estermann et al., 2020a] was similar to the current study
(tan δ = 0.02− 0.04).

5.4.2 Experimental validation of the model

Regarding the experimentally tested composite samples, obtained viscoelastic proper-
ties matched the model predictions well for inclusion volume fraction fi = 0.16. For
higher volume fractions (fi = 0.31 and fi = 0.46), the micromechanical model un-
derestimated |E∗| and E′. This trend is consistent with literature, concerning linear
elastic properties. In the case of stiff spherical inclusions reinforcing a softer matrix,
the Mori-Tanaka model predictions seem to underestimate stiffness for volume frac-
tions higher than 0.2 [Christensen et al., 1992, Segurado and Llorca, 2002, Böhm,
2015]. The model is only based on volume fractions and (visco-)elastic stiffness ten-
sors of the phases, and assumes that the shape of the inclusions stays the same during
deformation. According to Kwon and Dharan [1995], factors, such as inclusion size,
shape, phase continuity, and distance between inclusions, are not negligible for larger
inclusion volume fractions.

The viscous part of the complex modulus, the loss modulus E′′, was underestimated
by the model only for the highest tested volume fraction fi = 0.46. Fairly good
agreement between the vMTM and the experiment was observed for tan δ for all tested
volume fractions, indicating that tan δ might be less influenced by changes in volume
fractions. This finding is consistent with Liu et al. [2021], who concluded that changes
in particle volume fraction predominantly effect the complex modulus while the loss
tangent is more susceptible to changes in interface between inclusions and matrix.
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5.4.3 Comparison of silicone composites with biological tissues

The tested silicones, EF10 and ZA13, as bulk materials alone do not match any of the
examined biological tissues. However, a combination of ZA13 spherical inclusions in a
matrix of EF10 with an inclusion volume fraction of 0.5–0.6 (according to the vMTM)
matches bovine and porcine liver best. Other soft silicones, found in literature, were
introduced to the model and their bulk properties alone were suitable for mimicking
porcine myocardial tissue (Sylgard 184) and porcine liver (Elastomer-HV22). Accord-
ing to the model, a combination of Sylgard 184 as inclusions in a stiffer matrix of
ZA13 would intersect with properties for porcine liver. In order to recreate viscoelas-
tic properties of human liver, cervical and prostate tissue, a combination of materials,
exhibiting even higher tan δ than the considered silicones, is required. Porcine adipose
tissue is so soft that it would be recommendable to attempt adding voids to the matrix
of EF10 to potentially further decrease its complex modulus.

The current results indicate that replicating viscoelastic properties of soft biological
tissues is feasible with appropriate microstructural combinations of different silicones.
One of the silicone phases should thereby exhibit dampening to an even higher extent
than the considered silicones, especially for tissues with very high values of tan δ (e.g.
prostate and cervical tissue).

5.5 Limitations

Following limitations of this study should be considered:

• For evaluating the relaxation data, ideal step loading was assumed and the fi-
nite time, needed for reaching the holding displacement, was neglected. More
sophisticated models, that include the effect of the rise time, could be applied
for extracting the viscoelastic properties based on the experimental data [Oyen,
2005].

• The viscoelastic Poisson’s ratio ν∗(ω) of the matrix and inclusion phases intro-
duced into the vMTM, was assumed to be constant. Generally, ν∗(ω) is complex
and frequency-dependant and very difficult to measure experimentally [Hilton,
2001, Tschoegl et al., 2002]. However, even if the Poisson’s ratios of the individ-
ual phases were assumed constant, this does not mean that the Poisson’s ratio of
the homogenised composite is necessarily also constant, due to interactions be-
tween the different phases [Charpin and Sanahuja, 2017]. Thus, no assumptions
on the viscoelastic Poisson’s ratio of the composite were made.

• Concerning the experimental validation of the model, only three different inclu-
sion volume fractions were tested (fi = {0.16, 0.31, 0.46}). For an even more
rigorous vMTM validation, additional volume fractions should be tested exper-
imentally. It would, however, be convenient if composite samples were to be
produced via 3D printing in future to avoid the laborious sample production
using moulds.

5.6 Conclusions

Material design for soft tissue replicas is facilitated with the here presented vMTM,
allowing fast estimation of composite viscoelasticity. The considered composite mate-
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rials consisted of heterogenous materials, exhibiting matrix-inclusion-type morpholo-
gies. Specifically for liver and myocardial tissue, combinations of different silicone
elastomers were found, based on the vMTM, to match their viscoelastic properties
for the production of anatomical models. Results from validating the vMTM with
tested composite samples, revealed that the model was accurate for low inclusion vol-
ume fractions. While complex modulus and storage modulus were underestimated for
higher inclusion volume fractions, the loss modulus exhibited good agreement between
vMTM and experiment for all volume fractions.
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Chapter 6

Conclusion

6.1 Conclusions of the original contributions

The previous Chapters 2–5 contained the original research that was published in peer
reviewed journals in the course of this dissertation. In the following, the main findings
of the original contributions are summarised.

• Chapter 2 provides a convenient method for assessing tactile properties of liver
tissue and respective tissue mimicking materials. Structural properties, ex-
tracted from macroindentation, of the different materials were compared with
each other, using the newly introduced tactile similarity error. It was shown
that viscoelastic properties are important for characterising soft tissue tactility,
as opposed to simply describing elastic properties alone. It was also shown that
most of the tested artificial materials were highly elastic with insufficient viscous
contribution. The only tested 3D printed soft polymer exhibited high viscoelas-
tic damping, due to its microstructure, but was far too stiff to resemble liver.
Regarding the tactile similarity error, which takes viscoelastic as well as elastic
and hardness properties into account, one of the super-soft silicone elastomers
was most similar to liver (Ecoflex 00-30 SmoothOn Inc.). Thus, a material was
found which is suitable for producing liver anatomical models. However, even
for this material, the tactile similarity error was still relatively high, owing to
the low viscoelastic damping of the elastomer. [Estermann et al., 2020a]

• Chapter 3 characterises linear viscoelastic behaviour of animal liver tissue with
newly developed tensile testing methods. The fairly simple method of stress
relaxation is compared to the gold standard in viscoelastic testing, dynamic
cyclic testing. It was shown that, even in light of the assumptions made for
evaluating the stress relaxation data (step displacement, discrete 3-element gen-
eralised Maxwell model), viscoelastic properties found with both methods were
similar. However, this is only the case if tests are conducted at the same level
of strain, due to non-linear elastic characteristics, exhibited by liver tissue for
strains exceeding approximately 3%. Furthermore, this non-linear stress-stretch
behaviour, stemming from ramp loading and unloading, of liver was modelled
with a pseudoelastic Veronda-Westmann model, providing material constants
that could be useful in the context of computational modelling of liver tissue.
[Estermann et al., 2020b]
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• Chapter 4 applies methods, developed on animal liver in Chapter 3 for charac-
terising liver pseudohyperelasticity and viscoelasticity, to human liver. Samples
extracted from fresh healthy human liver and Thiel preserved human liver were
tested. The results showed that Thiel preservation significantly increases tissue
stiffness and loss tangent, likely due to increased protein cross-linking and dehy-
dration during preservation. Porcine liver, which has a higher collagen content
compared to fresh human liver, was stiffer with similar viscoelastic properties.
Bovine liver has a similar collagen content to fresh human tissue and there-
fore stiffness was similar. Nevertheless, viscoelastic properties of bovine liver
were significantly different to fresh human liver, which can be explained by mi-
crostructural morphological differences. In conclusion, when selecting a biologi-
cal substitutes for fresh human liver, it must be kept in mind which mechanical
properties are important for the application. Even though some differences were
found regarding elasticity and loss tangent, Thiel preservation still seems rec-
ommendable for the practice of surgical training (which is not possible using
conventional formalin preservation). Based on the current results, bovine liver is
more suitable for applications, requiring accurate elastic properties (for instance
for developing new medical devices). [Estermann et al., 2021a]

• Chapter 5 proposes a strategy for using micromechanical modelling as a de-
sign tool for tissue mimicking microstructures. The utilized Mori-Tanaka model
was capable of predicting homogenised viscoelastic properties, such as complex
modulus and loss tangent, of composite materials, exhibiting a matrix-inclusion
morphology. Based on the model, combinations of soft silicone elastomers were
found that simulate selected soft biological tissues (hepatic, myocardial, adipose,
cervical, and prostate tissue), whose viscoelastic properties were found in litera-
ture and in Chapters 3–4. Furthermore, the viscoelastic Mori-Tanaka model was
also validated experimentally, showing good agreement of model and experiment
for low inclusion volume fractions. The proposed micromechanical model is a
fast and efficient method for selecting tissue mimicking matrix-inclusion com-
posites and could be used in designing 3D printed microstructures. [Estermann
et al., 2021b]

6.2 Future outlook

In future research, it would be interesting to apply the experimental methods, devel-
oped in this dissertation, to other soft tissues. The establishment of a database of
tissue mechanical properties, alongside viscoelastic properties of artificial materials,
all measured with the same experimental methods, would be beneficial for selecting
materials for whole-body anatomical models.

For accurately matching tissues with artificial materials, composite materials can
be used as opposed to the bulk materials alone, allowing fine-tuning of the desired
properties. The composite microstructure can thereby be designed, using the presented
viscoelastic Mori-Tanaka model. In future, the micromechanical model can be extend
to cover microstructures additional to the current matrix-inclusion morphology, for
instance by using self-consistent schemes, when no distinct matrix phase is identifiable.
Furthermore the Mori-Tanaka model, utilized here for spherical inclusions, can be
adapted to reflect fibrous inclusions or ellipsoidal inclusions of various aspect rations,
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thus also considering transverse isotropy.
Concerning the production of anatomical models, made of microstructure materi-

als, and also for the validation of the micromechanical models, further developments
in the field of soft material additive manufacturing are necessary. A system capable
of 3D printing soft silicone elastomers, based on paste extrusion, is currently under
development in our research group.
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