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Abstract

Surgery is shifting towards less invasive techniques, which unfortunately come
at the cost of increased complexity. At the same time, surgeons have welcomed
robotic tools into the surgical theatre, of which telesurgery is a prominent
example. Again, this comes at a cost, namely a decreased or even lost sense
of haptic feedback. Fortunately, the increased complexity and loss of haptic
feedback can be (partly) compensated by an increased level of ‘intelligent’
information flow to the surgeon, a track followed here.

This PhD thesis introduces the concept of interpreting intra-operatively acquired
haptic and visual information by means of biomechanical models, thereby
obtaining information on the mechanical loading of the manipulated tissue.
The aim is to provide the surgeon with ‘intelligent’ information feedback in
the form of safety limits on tissue loading, thereby minimizing unnecessary
intra-operative trauma.

Part I of the thesis conceptually outlines a fundamental research track and
an applied research track. In the former, an experimental and computational
framework is described to define damage thresholds for soft tissues. In the latter,
the steps required to actually implement these thresholds as active constraints
into a telesurgical setting are formulated.

In the second part of the PhD thesis, the concepts of the fundamental research
track are applied to the specific case of arterial clamping. In vivo experiments
are performed to clamp and subsequently quantitatively evaluate the induced
damage to the contractile capability of the artery, which is related to the
integrity of the smooth muscle cells and the endothelial cells. An experimental
quantitative relationship is thereby found between mechanical load and different
kinds of damage.

To allow a general interpretation of this quantitative relation, the entire
experimental process is simulated numerically, using the finite element method.
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vi ABSTRACT

First, the clamping process is simulated using the Holzapfel-material model,
thereby evaluating the effect of residual strains, mechanical property variation
and clamp design. The clear inhomogeneous distribution of the stress proves
the necessity and potential of accurate finite element modelling for damage
threshold identification and for ‘smart’ instrument design.

Finally, because the Holzapfel-material model is suited only for the physiological
loading regime and does not capture contractility, a new material model is
developed. Besides the typical nonlinear behaviour of arterial tissue, this
model also captures the active contraction of the smooth muscle cells as well
as the degradation of the tissue in response to mechanical overload. The
material model is used in a second finite element simulation in which also the
damage quantification method is simulated. A comparison with the performed
experiments enables a fitting of the parameters of the new material model.

The research performed on the specific case of arterial clamping has
demonstrated the potential of the general framework to define damage thresholds
for soft tissues. The approach was interdisciplinary, and aimed at bridging
the gap between the biomedical empirical reality and engineering design and
computation. Hence, the foundations were laid for a broad range of new
research tracks in the area of biomechanics, all directed towards enhancing
surgical quality by increasing intra-operative safety.



Beknopte samenvatting

Chirurgie evolueert in de richting van minder invasieve technieken, die jammer
genoeg ook extra complexiteit met zich meebrengen. Terzelfdertijd is ook de
robot-gesteunde technologie aan een opmars bezig, waarvan telechirurgie een
prominent voorbeeld is. Ook hier is er een keerzijde, namelijk een verminderde
of zelfs verdwenen tastzin of haptische terugkoppeling. Gelukkig kunnen
de nadelen ten gevolge van een toegenomen complexiteit en de verdwenen
haptische terugkoppeling (althans gedeeltelijk) gecompenseerd worden door een
toegenomen aanbod van ‘intelligente’ informatie die de chirurg intra-operatief
aangereikt wordt. Dit doctoraat volgt deze laatste piste.

Dit doctoraat introduceert het concept om intra-operatief opgemeten kracht
en visuele gegevens met behulp van biomechanische modellen te gaan
interpreteren. Zo wordt informatie verkregen over de mechanische belasting
die de gemanipuleerde weefsels op dat ogenblik ondergaan. De bedoeling is om
die ‘intelligente’ informatie naar de chirurg terug te koppelen, in de vorm van
veiligheidsmarges op weefselbelasting, en zodoende ongewenste intra-operatieve
schade te minimalizeren.

Het eerste gedeelte van dit doctoraat omvat de conceptuele omschrijving van
een fundamenteel onderzoeksluik en van een toegepast onderzoeksluik. In
het eerste luik wordt een experimenteel en computationeel kader uitgewerkt
om grenswaarden voor weefselbelasting te definiëren. In het toegepaste luik
wordt onderzocht welke stappen er concreet nodig zijn om deze grenswaarden
te gebruiken tijdens telechirurgie, in de vorm van actieve begrenzing op de
instrumenten.

Het tweede gedeelte van dit doctoraat past de concepten van het fundamenteel
onderzoeksluik toe op het specifieke geval van het dichtklemmen van een
bloedvat. De uitgevoerde experimenten bestaan uit het in vivo klemmen
van bloedvaten, gevolgd door een kwantitatieve evaluatie van de toegediende
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schade aan de contractiliteit van het bloedvat. Deze contractiliteit heeft
te maken met de toestand van de gladde spiercellen en de endotheelcellen.
De experimenten zorgden voor een kwantitatief verband tussen mechanische
belasting en verschillende soorten schade.

Om dit kwantitatief verband algemeen bruikbaar te maken is een numerieke
simulatie van het experimentele proces noodzakelijk, gebruik makende van
de eindige-elementenmethode. Een eerste simulatie met het Holzapfel-
materiaalmodel bestudeert het process van het klemmen van het bloedvat en
evalueert daarbij het effect van residuele spanningen, variaties op de mechanische
eigenschappen van het bloedvat en de vorm van de gebruikte klem. De duidelijk
inhomogeen verdeelde belasting toont het belang alsook het potentieel van de
eindige-elementenmethode aan in de zoektocht naar veiligheidsmarges en voor
intelligent ontwerp van chirurgische instrumentatie.

Het Holzapfel-materiaalmodel is enkel geschikt om het gedrag onder fysiologische
belasting te beschrijven en houdt ook geen rekening met de contractiliteit van
een bloedvat. Hierom werd een nieuw materiaalmodel ontwikkeld, dat naast
het typische niet-lineaire gedrag van een bloedvat ook de actieve bijdrage
van de gladde spiercellen in rekening brengt, alsook de degradatie van het
weefsel als gevolg van overbelasting. Een tweede eindige-elementensimulatie
maakt gebruik van dit nieuwe materiaalmodel om dit keer ook de experimentele
schadekwantificatie te simuleren. Door experiment en simulatie met elkaar te
vergelijken worden de parameters van het nieuwe materiaalmodel gevonden.

Het gevoerde onderzoek op het specifieke geval van het klemmen van een bloedvat
heeft het potentieel aangetoond van het voorgestelde algemeen kader voor het
definiëren van grenswaarden voor weefselbelasting. Een interdisciplinaire aanpak
was hierbij essentieel, waarbij de brug geslagen werd tussen de biomedische
empirische realiteit enerzijds en mathematische modellering en mechanisch
ontwerp anderzijds. Zodoende werden de fundamenten gelegd voor een
brede waaier aan nieuwe biomechanische onderzoekspistes, alle gericht op
de kwaliteitsverbetering van chirurgie door toename van de intra-operatieve
veiligheid.
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General framework
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This chapter provides an overview of the three main trends influencing
surgery over the past decades. Surgery is shifting towards less invasive
techniques, which unfortunately come at the cost of increased complexity.
At the same time, surgeons have welcomed robotic tools into the surgical
theatre, of which telesurgery is a prominent example. Again, this comes
at a cost, namely a decreased or even lost sense of haptic feedback.
Fortunately, the increased complexity and loss of haptic feedback can be
(partly) compensated by an increased level of ‘intelligent’ information
flow to the surgeon, a track followed here. The chapter ends with a
concrete problem statement and an overview of the contributions made
in this work.

Chapter 1

Trends in surgery

3





INTRODUCTION 5

1.1 Introduction

Surgery has made a tremendous technological evolution since it was first
performed. The motive for this evolution has been and still is the reduction of
mortality and morbidity rates, or in other words, increased patient safety. This
not only improves clinical outcome, but also extends the range of patients able
to safely receive surgical treatment.

A bird’s eye view on the history of modern age surgery reveals three large
trends in this evolution process. A closer look at these trends will demonstrate
their concrete contribution to this ultimate goal of maximum patient safety and
pinpoint where room for improvement can still be found.

1.2 Less invasive surgery

Figure 1.1: Trend 1: Less invasive surgery. The left figure shows a sketch of a
laparoscopic procedure, where an endoscope and a laparoscopic instrument are inserted
through trocars into the abdominal cavity [35]. The middle figure shows a sketch of a
NOTES procedure, where an internal organ is reached and operated on with a flexible
instrument that is inserted through a natural orifice, in this case, the mouth [43]. The
right figure shows a sketch of an expansion of an endograft inside the thoracic aorta,
inserted through a catheterisation procedure [8].

A first trend is the evolution from open surgery towards less invasive surgery.
In open surgery, skin and tissues are cut so the surgeon has direct access to the
structures or organs to be treated. These structures and tissues are therefore
directly exposed to the air of the operating room and, along with the access
trauma, this is an important risk factor for intra-operative and post-procedural
complications. In minimal access surgery, the entrance area to the body cavity
where the intervention must take place is significantly reduced. This has the
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consequence that tissues are less exposed and scar formation at the access point
will diminish [56, 42], but also entails extra difficulty for the surgeon as direct
access to the surgical workspace is lost.

The most popular example of minimal access surgery is laparoscopic surgery (see
the left image in figure 1.1). This technique is considered the gold standard for
abdominal and urological procedures such as gall bladder removal and prostate
removal, but is also gaining popularity for other procedures. The abdominal
cavity is first inflated with CO2 to create a larger working space, and long rigid
instruments slide through trocars that are punctured through the abdominal
wall. An endoscopic camera with a light source is introduced through one of
the trocars, and the acquired image is projected on a screen [56].

The acronym ‘LESS’ stands for laparo-endoscopic single-site surgery, and denotes
the efforts being made to even further reduce the amount of necessary incisions
[3, 46]. Natural orifice transluminal endoscopic surgery (NOTES) goes even
further in the quest to minimize visible scars, as it gains access to the abdominal
cavity through a ‘natural orifice’ (middle image in figure 1.1). No external
incisions are made, however, internally, a puncture is needed in one of the
viscera (e.g. stomach, rectum, vagina, urinary bladder) [24, 36]. LESS and
NOTES require the use of multichannel instruments, which, in some cases, also
need to be flexible.

Catheterisation is another form of minimally invasive intervention, used to treat
cardiovascular diseases [44, 40, 13]. Long, flexible catheters are introduced into
an artery or a vein and maneuvered to the desired location, for example to
deploy a stent or a graft (right image in figure 1.1). Tracking of the catheter
position is commonly performed with fluoroscopic angiography, i.e. real-time
X-ray imaging of catheter and blood vessels, injected with contrast agents.

All these developments have the obvious benefit of decreasing visible scars, pain
and risk of infections to the entrance wounds. The downside lies in the increased
complexity of the minimally invasive procedures, which is mainly caused by the
loss of direct access to and sight upon the area of treatment.

In laparoscopic surgery, the pivot point or fulcrum at the trocar causes a
reduction in the degrees of freedom for the manipulations as well as a mirror
and a scaling effect. Also, the friction between the trocar and the instrument
shaft masks the actual forces applied on the tissue by the instrument tip,
impairing the natural sense of touch, or haptic feedback. This lack of haptic
feedback increases the risk of tissue damage, as the surgeon cannot feel the
extent to which the manipulated tissue is being loaded [60, 63].
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When less access ports are used, as in LESS or in NOTES, an extra challenge
is caused by the parallel insertion of instruments, which entails a lack of
triangulation. When instruments are flexible, in some cases of NOTES and
in catheterisation, superior manual skill is required to navigate them to
the desired location, keeping in mind the fragile environment in which they
maneuver. Moreover, tracking techniques such as contrast-enhanced fluoroscopic
angiography, are known for causing numerous complications including possible
allergic reactions to the contrast agents, thrombosis, embolisation and bleeding
due to the guidewire and/or catheter insertion, and dangers related to radiation
exposure [54, 39]. The alternative MR imaging methods are bulky, have
compatibility problems with certain instruments, and are known for their
high costs to the health care system [6, 49].

Perhaps one of the biggest drawbacks of less invasive procedures compared to
open surgery is the reduced possibility to detect and respond to unforeseen
adverse situations [50, 21, 31]. If, for example, a vessel is punctured during
a laparoscopic procedure and the puncture hole is too large to be closed by
cauterization, the only option is to rapidly convert to open surgery and manually
close the leak. This delayed reaction can cause massive blood loss with possibly
fatal consequences [57].

In summary, though less invasive surgery decreases access trauma, it
increases the complexity of the procedure, especially due to impaired visual
and haptic feedback. This enlarges the risk of internal tissue damage, for
which the response time is delayed due to the indirect access to the surgical
workspace.

1.3 More robotic tools

Less invasive surgery has increased the complexity of the procedures. Standards
w.r.t. accuracy are also ever increasing. Both elements have driven the
introduction of robotic tools into the surgical theatre. The requirements for
these devices are first of all that they be user-friendly, safe, sterilisable and
compatible with the other surgical instruments. Moreover, the robots should
be employed to complement the capability of the surgeon.

Table 1.1 shows the qualities and drawbacks of robots versus humans. Humans
generally exhibit efficient natural senses, are dexterous, have a good coordination
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Table 1.1: Complementary strengths and limitations of humans and robots. Adapted
from [59].

Humans Robots

+

Efficient natural senses Geometric accuracy
Dexterity Precision in controlling forces

Coordination Possibility to work in
Capacity in reasoning and learning hostile environment

Adaptation of skills Repeatability
No Fatigue

-

Subject to fatigue Poor judgment
Stability Poor adaptability

Limited precision Expensive
Unable to see through tissues Difficult to construct and debug

Sensitive to radiation Poor reliability

and above all, possess the capacity to reason, learn and adapt. However, they
are subject to fatigue, are limited in the precision of their manipulations, lack
the ability to see through tissues and are sensitive to radiation. A robotic device
on the other hand, can be designed to have a high geometric accuracy and high
precision in controlling forces. It is not (or far less) subject to fatigue and can
be designed to work in hostile environments. However, in contrast to humans,
robots exhibit poor judgement and limited adaptability. They are expensive and
difficult to construct and debug, which compromises their reliability [26, 59].

A functional classification can be made for robotic devices, according to the
degree of control by the user (i.e. the surgeon) and the location of the surgeon
w.r.t. the device.

AUTOMATION COMANIPULATION TELEOPERATION

Figure 1.2: Trend 2: More robotics in surgery (adapted from [41]). The left figure
shows an automated procedure, where the surgeon has only supervisory control. The
middle figure shows a comanipulation procedure, where the surgeon holds the robotic
device that can actively support or even guide his/her manipulations. The right figure
shows a teleoperation procedure, where the surgeon commands the movements of the
slave robotic device remotely, from a master console.
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Automatic control

Fully automated systems allow only supervisory control of the surgeon (left
image of figure 1.2). These kinds of systems are generally only suitable to
perform highly repetitive tasks that are very well defined, which is definitely
not the case in soft tissue surgery and only minimally so in orthopaedic surgery.
Two examples of an automated robotic device in surgery are the ROBODOC®
and the CASPAR®, used for bone milling [47, 4, 58]. The robot is manually
guided to the desired location, after which a high-speed milling device at the
end of the robot arm follows the planned cutting paths, without the surgeon’s
guidance, and cuts the bone cavity. After the pocket is milled, the surgeon
continues as in the manual procedure [18].

The success of these devices has faded a number of years ago [34]. The benefits
of increased accuracy did not outweigh the drawbacks related to added cost
and complexity of the procedure, due to the installation and positioning of
the robotic device followed by the registration of the coordinate space of the
robot to the pre-operative plan. In a number of cases, technical complications
occurred [51] which, due to the fact that the surgeon is unable to regain control,
raised concerns w.r.t. safety and legal issues regarding liability.

Human control - Comanipulation

More successful are the robotic devices that leave the surgeon in control. In
comanipulation (middle image in figure 1.2), the surgeon uses the robotic system
as a human extender or a tool that, in contrast to passive tools, can provide
active support or even guidance. An example of comanipulation surgery is the
KU Leuven eye surgical robot [7], or the Johns Hopkins Steady-Hand Eye robot
[61]. Here, the surgeon and the robot both hold the surgical tool. The robot
senses forces exerted by the surgeon on the tool handle and moves accordingly
with very high precision, thereby filtering out physiological hand tremor.

The disadvantage of having the surgeon directly holding the surgical device
is that the movements are inherently tied to the kinematics of the system.
This means that important features such as scaling to enhance accuracy and
mirroring to restore the natural hand-eye coordination are extremely difficult
to implement.
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Human control - Teleoperation

The other situation where the surgeon has full control is teleoperation (right
image in figure 1.2). In this case, a mechanical decoupling is made between
the surgeon and the patient, as the surgeon manipulates a master console
that commands the movement of a slave robot. This slave robot executes the
movements commanded by the master on the patient. At the master side,
the surgeon receives visual feedback on the performance of the slave. The
advantages of such a setup are manifold. First of all, the surgeon remains in
control, so that judgement based on experience and adaptability are retained.
Moreover, by preprocessing the movements of the surgeon at the master side,
typical problems related to laparoscopy such as the mirror and scaling effect
can be compensated for, and tremor filtered out. If a stereoscopic camera is
introduced into the surgical workspace, 3D vision can also be provided at the
master console, where the surgeon can be seated more ergonomically such that
he or she is less subject to fatigue [20]. The Da Vinci® surgical robot from
Intuitive Surgical implements all the above and is currently a big commercial
success in hospitals worldwide [27]. The general setup of the Da Vinci Si system
is shown in figure 1.3. Figure 1.4 provides details of two of the most important
features of the Da Vinci system, namely the intuitive joysticks and the 3D
vision, which provide the surgeon with a feeling of ‘immersion’ into the surgical
workspace.

Figure 1.3: The Da Vinci® Si surgical system [27].

However, one big drawback currently remains in teleoperation, which is the
complete lack of haptic feedback due to the mechanical decoupling between the
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master and the slave [12, 63]. Several challenges still impede the implementation
of this haptic feedback in surgical systems. First of all, a reliable and robust
force measurement system is needed to measure the interaction forces at the
slave side. This is the subject of research worldwide [45, 68, 53, 52, 66] and
will be discussed in the following chapter. Secondly, force feedback from the
slave to the master side is still a non-trivial problem and therefore another
popular research domain [48, 9, 23, 65]. Mechatronic and/or communication
issues inherently cause lag between master and slave and vice versa. As a
consequence, the user’s desire to feel directly connected to the environment
is generally opposed to the need for stable interactions with a large range of
environments under all circumstances [64].

Figure 1.4: Features of the Da Vinci surgical system: intuitive joysticks and 3D vision
provide the surgeon with a feeling of ‘immersion’ into the surgical workspace [27].

This lack of haptic feedback compromises safety even more than in conventional
laparoscopic surgery. First of all, the lack of haptic feedback is complete. In
conventional laparoscopy, the mechanical coupling still allows some, albeit
distorted, feeling. Secondly, converting to open surgery in case of an adverse
event is even more difficult as the slave robot first needs to be removed from
the surgical scene. In fact, studies agree that the benefit of robotic surgery (in
its current form without haptic feedback) has not yet been proven [19, 33, 28, 1].
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In teleoperation systems, the surgeon has full control, but due to the
drawbacks of the current systems, he or she is not yet capable of employing
all his/her natural senses for this control. Efforts should therefore be made
to restore these natural senses, in particular the sense of touch.

In addition, even enhancing the natural senses of the surgeon might be
necessary to exploit the full potential of robotics for surgery. This will
require the addition of intelligence to the robotic device, so that robot and
surgeon can operate under shared control.

1.4 Increased intelligence

The third trend noticed in the evolution of surgery is the increase of information
flow to the surgeon. Straightforward presentation and especially preprocessing
or interpretation of this information can lead to increased intelligence during
surgery. This already starts before the actual operation, in the form of pre-
operative planning. CT and MRI images are currently used, for example, to
plan the optimal trajectory for a cutting procedure, or the shape of a prosthetic
implant [22, 11, 10, 16]. One example of preoperative planning for brain surgery
is given in figure 1.5a.
During surgery, this pre-operative information can be made available to the
surgeon by overlaying it on the video screen, or even virtually projecting it on
the surgical workspace through a head-mounted display [25, 32, 2]. Figure 1.5b
shows an example of augmented reality for brain surgery [29]. This ‘augmented
reality’ requires the dynamic registration of the pre-operative data to the intra-
operative space, which is relatively straightforward for rigid structures with
clear anatomical landmarks such as bone, but is a great technical challenge for
soft tissues, which tend to deform during surgery [67].

In the case of augmented reality, the information is presented to the surgeon, but
he or she remains in full control. When intelligence is combined with the robotic
systems described above, shared control between the surgeon and the robot can
be established. In fact, it can even be argued whether pure comanipulation
and teleoperation devices can actually be termed as robots, which should per
definition exhibit a certain degree of intelligence.
The most common form of shared control is the use of active constraints. Pre-
operative planning or biomechanical knowledge of, for example, maximum
allowable temperature, can reveal ‘no-go’-zones in the surgical workspace, as
shown in figure 1.5c for orthopedic surgery. Instead of just visually displaying



INCREASED INTELLIGENCE 13

PREOPERATIVE PLANNING AUGMENTED REALITY SHARED CONTROL

near boundary zone

forbidden zone

safe zone

Figure 1.5: Trend 3: Increased intelligence. From [16, 29] and adapted from [14].

these zones using augmented reality, active constraints can be programmed into
the control of the robot such that the surgeon is physically unable to enter these
zones [62, 14].

The constraints for orthopaedic surgery are relatively straightforward to
implement, due to the fact that they are unchanging during the procedure.
Thanks to the rigidity of bony structures, geometric constraints will not change
once the registration between the planning and the robot frame has been made.
Also constraints such as maximum allowable bone temperature are fixed.

In soft tissue surgery, however, the definition of constraints is far less
straightforward, as the environment will deform during the procedure, requiring
dynamic registration. Secondly, constraints for soft tissue would be most useful
in the form of force limitation, as was already proposed in [15, 30]. This brings
back the same problem as in pure teleoperation surgery, i.e. the lack of a
robust and reliable force measurement system. Finally, it is unclear what the
force limits for a specific type of tissue are. Finding these thresholds requires
thorough biomechanical knowledge of the tissue under consideration. The above
reasons explain why so far, and to the author’s knowledge, the concept of active
constraints has not yet been implemented for soft tissue manipulation.

In summary, the enhancement of pure teleoperation control in soft tissue
surgery with intelligence in the form of active constraints has a clear
potential to increase surgical quality and safety. Nevertheless, a number of
technical challenges still hinder the actual implementation of these active
constraints. These challenges are: the development of a reliable force
measurement system, dynamic intra-operative registration and, finally, the
definition of biomechanically relevant constraints.
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1.5 Problem statement

The previous section described three main trends in surgery. Firstly, minimally
invasive surgery (MIS) has become the gold standard in various domains of
surgery. This technique enables substantial decrease in patient trauma and
therefore also in recovery time and hospital stay. The second trend is that
robotic systems, with the Da Vinci robot as the big commercial player for
MIS, are also gaining popularity for soft tissue manipulation. These systems
compensate for most of the drawbacks of conventional MIS [55, 12], such as loss
of dexterity, but fail to provide haptic feedback. This remains the unresolved
problem of current commercial systems [60, 19].

The surgeon cannot feel if the tissue being manipulated is hard or soft, if
pulsations are prevalent, if there is excessive tension on the tissue, etc. This lack
of intra-operative information can lead to unwanted tissue damage in crucial
situations [38, 15], can complicate diagnosis and prolong the duration of the
operation. The exertion of excessive force can, for example, lead to endothelial
damage in blood vessels, resulting in functional loss and in the long run, the
development of atherosclerosis [5, 37, 17]. At even higher forces the blood vessel
can tear, for instance while retracting the renal vein during a nephrectomy,
leading to massive blood loss and often the need to convert to open surgery
[57].

The above reasons have made the restoration of ‘the sense of touch’ during
MIS a hot research topic around the world [48, 9, 23, 65]. These studies are,
however, limited to pure force feedback without correlating it to the state of
the manipulated tissue. Consequently, the third trend described in the previous
section, namely the increased ‘intelligence’ introduced into the surgical work
flow, is still lacking in this respect. Nevertheless, this third trend has a great
potential to enhance surgical quality and thus patient safety.

This PhD introduces the concept of interpreting intra-operatively acquired
haptic and visual information by means of biomechanical models, thereby
obtaining information on the mechanical loading of the manipulated tissue.
The aim is to provide the surgeon with ‘intelligent’ information feedback in
the form of safety limits on tissue loading, thereby minimizing unnecessary
intra-operative trauma.
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1.6 Outline and contributions

Two main research tracks can be extracted from this concept. In the first,
fundamental track, a research methodology must be defined as to what the
safety limits are for a specific tissue type in a specific patient. In the second,
applied track, a work flow must be designed for how these safety limits can be
detected and enforced in the intra-operative situation. The next chapter will
elaborate on these two tracks.

In the second part of this PhD thesis, the concepts of the fundamental research
track are applied to the specific case of arterial clamping. The details on
this case study and the rationale behind its choice are outlined in section 2.3.
Chapter 3 provides a detailed overview of the research objectives regarding this
case study.

In chapter 4, in vivo experiments are performed to clamp and subsequently
quantitatively evaluate the induced damage to the contractile capability of the
artery, which is related to the integrity of the smooth muscle cells and the
endothelial cells. An experimental quantitative relationship is thereby found
between mechanical load and different kinds of damage.

To allow a general interpretation of this quantitative relation, the entire
experimental process is simulated numerically, using the finite element method.
First, the clamping process is simulated in chapter 6 using the Holzapfel-material
model, thereby evaluating the effect of residual strains, mechanical property
variation and clamp design. The clear inhomogeneous distribution of the stress
proves the necessity and potential of accurate finite element modelling for
damage threshold identification and for ‘smart’ instrument design.

Finally, because the Holzapfel-material model is suited only for the physiological
loading regime and does not capture contractility, a new material model is
developed, described in chapter 7, and based upon the literature study on
material models described in chapter 5. Besides the typical nonlinear behaviour
of arterial tissue, this model also captures the active contraction of the smooth
muscle cells as well as the degradation of the tissue in response to mechanical
overload. In the same chapter, the material model is used in a second finite
element simulation in which also the experimental damage quantification method
is simulated. A comparison with the performed experiments enables a fitting of
the parameters of the new material model.

The final chapter of this thesis revisits and evaluates all the proposed objectives
and suggests future research tracks directed towards soft tissue damage
prevention in surgery.
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This chapter discusses the concept of soft tissue damage prevention in
surgery. In a fundamental research track, a framework is described to
define damage thresholds for soft tissues. In an applied research track,
the steps required to actually implement these thresholds as active
constraints in a telesurgical setting are formulated. Finally, the case
study is described on which the concepts of the fundamental research
track will be applied in part II of this PhD thesis.

Chapter 2

Soft tissue damage
prevention in surgery
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2.1 Fundamental research track: Finding damage
thresholds

The implementation of safety limits during surgery obviously requires a
consensus as to what these limits are. In current surgical practice, the amount
of load that can safely be applied on a certain tissue is highly subjective, i.e.
depending on the surgeon’s experience and judgement. Several steps are needed
to make this judgement more objective.

The goal of a surgical procedure is to repair a certain acute or chronic trauma
to the human body, or to correct a certain malformation, disfunction or
degeneration. Ideally, of course, no extra damage is induced in the process. The
optimal safety limit should therefore be set to zero induced damage. However,
in practice, it will prove impossible to reach this lower limit and a trade-off
must be made. One can thereby reason that the upper limit of the threshold is
defined by the amount of repair that is realized through the surgical procedure.
Otherwise, if the surgical procedure induces more damage than it is able to
repair, it is not justifiable.

It is clear that the induced damage during surgery should lie between the two
limits described above, and preferably as close to the lower limit as possible.
The discussion on the exact location of the limit cannot be made at this point
because the term damage is not yet quantitatively defined. Moreover, limits to
the induced damage do not yet provide limits to the allowed mechanical load.
Therefore, the following steps should be undertaken, which will be elaborated
upon in the following three sections:

1. A quantification of the currently subjective term ‘damage’.

2. Definition of an unambiguous, quantitative relation between
mechanical loading and the subsequent damage for a specific
tissue type:

Damage = F(Mechanical load).

3. Generalization of this relation into a computational
framework that is tissue-specific and applicable to different loading
situations (see section 2.1.3 for an explanation of the symbols):

dke = fk(Ψk
e).
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2.1.1 Step 1: Quantifying damage

Damage is defined as ‘injury or harm that reduces value or usefulness’. A
quantification of damage can therefore be done by assessing this reduction in
value or usefulness. For biological tissue, this is related to its function in the
body. First of all, a biological tissue is an integral part of a larger mechanical
structure and therefore inherently has a (passive) mechanical function. This
might be obvious for tissues such as bone, muscle or ligament, but is also
true for all other tissue types. Secondly, each tissue type has one or multiple
biological functions, i.e. any activity that contributes to the correct functioning
of the organism. Production and/or transport of certain substances, but also
active mechanical behaviour under influence of certain stimuli, such as bone
remodelling or active contraction of the cardiac muscle, can be thought of as
biological functions.

Damage to the mechanical function manifests itself through rupture or
degradation of the mechanical constituents of the tissue. Damage to the
biological function manifests itself through malfunction, function switch or
apoptosis of the involved cells. Both forms of damage require an objective
and quantitative method for evaluation. In both cases this can be done either
directly, through functional assessment, or indirectly, through morphological
assessment. Below some examples of damage assessment methods in various
disciplines of medicine are provided.

Functional assessment of reduced mechanical function

One way to quantitatively assess damage in the form of reduced mechanical
function is to perform mechanical testing of a tissue before and after the
induction of damage. This can be done in vitro or in vivo.

• Example 1: A three-point bending test on a skeletal bone (as in figure
2.1a) can provide information on the ultimate bending strength, apparent
modulus of elasticity, and fracture energy [2]. A bone fracture due to
an impact, for example, will significantly reduce these values. Hence, a
three-point bending test provides a quantitative measure of the damage
done to the bone.
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• Example 2: A biaxial tensile test (as in figure 2.1b) on a patch of cardiac
tissue can provide information on its stiffness in different directions [46].
Excessive tension will cause the gradual rupture of more and more of the
collagen fibres which contribute to the stiffness of the heart. This will
therefore induce a measurable decrease in stiffness in the directions in
which the collagen fibres contribute.

• Example 3: Medial collateral ligament (MCL) injury of the knee is
clinically graded by an instrumented valgus-varus laxity test (VVLT).
This gives a measure of the laxity of the knee motion, and thus on the
state of rupture of the ligament [42].

Figure 2.1: Methods for functionally assessing damage. The left figure shows a three-
point bending test on a metacarpal bone [36]. The middle figure shows a close-up of a
biaxial tensile testing machine for biological tissue from CellScale®. The right figure
shows the indirect measurement of the left ventricular stroke volume of the heart with
an automated colour Doppler cardiac flow method [51].

Morphological assessment of reduced mechanical function

Another, indirect way to assess mechanical function is to assess the morphological
integrity of the tissue. Imaging can provide insight into the composition of a
tissue and expose fractures in the different components.

• Example 1: An X-ray or CT-scan of a skeletal bone can reveal a fracture
invisible to the naked eye. Image processing can be used to grade the
severity of the fracture [48].
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• Example 2: A microscopic image of a patch of skin tissue (as in figure
2.2b) can be stained to specifically show for example the collagen fibre
component [26]. If imaged when brought to excessive tension, image
processing can reveal the percentage of collagen fibres that are still intact,
providing a quantitative measure of the damage.

• Example 3: Evaluation of MRI images is also used to grade damage to
the medial collateral ligament of the knee [42], as shown in figure 2.2a.

Functional assessment of reduced biological function

Quantification of the biological function before and after damaging the tissue
provides a measure of the induced damage. Sometimes it is possible to directly
measure this function. In other situations an indirect approach is taken, by
measuring the concentration of certain products, or the expression of certain
genes, as a biological function is often the result of a cell-biological cascade of
events.

• Example 1: The primary function of cardiac tissue is to act as a pump to
enable blood circulation through the body. This function can be quantified
through haemodynamic measurements, including heart rate, arterial blood
pressure, central venous pressure, left ventricular pressure and cardiac
output [19]. Cardiac output can for example be defined by measuring
the valve orifice cross sectional area and the flow profile through colour
Doppler imaging (as in figure 2.1c), leading to the stroke volume, and
multiplying this value with the heart rate. Damage to the cardiac tissue
can reduce the heart’s ability to pump which will consequently have its
effect on these haemodynamic measurements.

• Example 2: Head impact can induce a concussion. Damage to the
brain after such a concussion is often quantitatively assessed through
neuropsychological tests [23].

• Example 3: The glomerular filtration rate (GFR), which describes the
flow rate of filtered fluid through the kidney, is considered to be the best
overall index of kidney function. As direct measurement of the GFR is
cumbersome, most doctors use the plasma concentrations of the waste
substances of creatinine and urea, as well as electrolytes, as an indirect
quantification of kidney function [53].
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Morphological assessment of reduced biological function

Another way to assess biological function is to study the condition of the tissue
through morphological imaging. The spatial resolution of the imaging method
determines how location-specific the damage can be assessed.

• Example 1: In animal trials, immediate post-mortem histology of the
cardiac tissue can also be used to assess damage to the cardiac function,
by for example looking for smooth muscle cell death, subcellular oedema
and swelling of mitochondria [19].

• Example 2: Instead of directly assessing brain function in a neuropsycho-
logical test, diagnostic imaging of the brain (e.g. an MRI image as in
figure 2.2c) can also provide information on the severity of a concussion
[24, 40].

• Example 3: Also the kidney function can be imaged with MRI (e.g. [5])
or, in animal trials, histologically, for example with multiphoton imaging
[14].

Figure 2.2: Methods for morphologically assessing damage. The left image shows
an MRI of a knee with a grade III MCL injury [42]. The middle image shows a
histological image of skin tissue, clearly showing collagen fibre bundles [26]. The right
image shows a fast spin-echo T2-weighted image of a brain with trauma in the white
matter (pointed out by the arrow) [24].

Note that in the examples above, some of the measurements can be performed
in vivo, whereas some need to be performed in vitro. The latter requires the
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performing of a biopsy, or complete excision of the tissue, which is obviously
not always possible, especially in clinical situations. Also, in vitro testing is not
an option when long term effects are considered. Once the source of damage
is removed, two things can happen. Ideally, the healing process starts and the
damage will start to reduce. However, in some cases, the tissue continues to
degrade. In either case, this means that long term effects need to be taken into
account when quantifying damage. Though obviously important, these effects
will not yet be considered in this PhD work. When referring to damage, acute
damage is meant. For a discussion on long term effects, the reader is referred
to the conclusions and outlook section.

As a second side note, the reaction triggered by the damage can in some cases
also be measured and can therefore again provide a quantitative value for damage.
For example, pain signals sent through the nervous system might be intercepted,
or the production of certain products in the coagulation cascade can be detected.

In summary, damage to a certain tissue can be characterized as a loss of
mechanical or biological function. This loss of function can be quantified
through measurement of the considered function, or through (microscopic)
imaging of the morphology. These measurements can be performed either
in vivo or in vitro. When quantifying damage, long term effects, i.e. healing
or further degradation, should ideally also be taken into account.
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2.1.2 Step 2: Damage as a function of mechanical load

The previous section showed that damage can be evaluated quantitatively in
multiple ways. This can facilitate a consensus as to how much damage is
acceptable for a certain tissue. However, knowing this limit is only useful if
the amount of mechanical load needed to induce this damage is known along
with it. Therefore, in the experimental protocol for defining safety limits for
tissue loading, there is a need for controllable force application and subsequent
damage evaluation. This way, an unambiguous relation can be defined between
mechanical loading and damage.

Similarly to the concept of damage, also the term ‘mechanical load’ needs to
be explained further to allow true quantification. The mechanical load exerted
during an experiment can be characterized by:

• ~F (~r, t): The orientation and magnitude of the load, expressed in [N]. This
load is dependent on ~r, i.e. the location where the load is applied. Note
that a load can be concentrated in a point or distributed over a surface.
If the tissue behaviour is time-dependent, also the load rate as well as the
load duration become relevant.

• ∆~u(~rb, t): The orientation and magnitude of the displacement boundary
conditions on the surface in contact with other tissues or structures
(referred to as the surface Γg, such that ~rb ∈ Γg), expressed in [mm]. Again,
if the tissue behaviour is time-dependent, the rate of the displacement at
the boundaries becomes important.

These are all parameters that should be controlled or at least acquired during
the experimental process. Ideally, the load should be applied in vivo, so that
the induced damage can be solely attributed to the loading and not to non-
physiological ex vivo conditions. If subsequent damage quantification requires
excision of tissue, undamaged control segments should also be excised and
tested, to rule out damage due to the excision process.

In summary, to find the relationship between mechanical load and damage
of a certain tissue type, an experimental setup needs to be defined enabling
the application of a controlled mechanical load (w.r.t. location, magnitude,
displacement boundary conditions, rate, and duration) on that specific
tissue. Subsequent damage evaluation of the loaded tissue must be
performed according to one of the methods described in section 2.1.1.
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2.1.3 Step 3: A computational framework

Global damage function F

The relation between mechanical loading and damage as described in the
previous section is still not fit for practical use, as it cannot be generalised yet.
This is due to the fact that in the experimental setup, the relationship between
‘macroscopic’ mechanical loading and damage is defined only for that specific
loading situation. Stated otherwise, only the following experimental relation,
for a specific mechanical load, denoted as ~F exp, and ∆~uexp is known:

Dexp = Fexp(~F exp,∆~uexp). (2.1)

Dexp denotes the globally acquired damage, measured experimentally after
the load was applied. When the boundary conditions of the mechanical load
change, or when the force is applied in a different location or with a different
orientation, the connection between this new loading situation and the damage
is still unknown. This is shown schematically in figure 2.3. A mathematical
formulation of this problem is that the global damage function F is not yet
defined:

Dcomp = F(~F ,∆~u). (2.2)

Secondly, damage can not only be acquired globally, but also more location
specific, as explained in section 2.1.1. For the latter case, it is not straightforward

Figure 2.3: The relation between ‘macroscopic’ mechanical loading and ‘macroscopic’
damage can be found experimentally for that specific loading situation, but is not
useful in general. When the boundary conditions of the mechanical loading change, or
when the force is applied in a different location or with a different orientation, the
connection between this new loading situation and the damage is still unknown. In
other words, the general function F (referred to as the ‘global damage function’) of
equation 2.2 is not yet defined.
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Figure 2.4: When damage is acquired location specific, different levels of damage
might be noticed in different locations. This is due to the inhomogeneous distribution
of the load on the tissue. As a consequence, it is not straightforward to directly derive
a relation Fj between the ‘macroscopic’ loading and the ‘local’ damage.

to directly derive a relation between the macroscopic load and each damage
zone. This is shown in figure 2.4: instead of deriving one general function F , a
function Fj must be found for each zone of damage, which is of course even
less straightforward. The reason for the damage being different in each location
is that the mechanical loading exerted on a tissue is seldom homogeneously
distributed over the tissue. This is true in many experimental conditions and
especially in surgical conditions. However, what is typically measured during
an experiment or during surgery is a macroscopic force or pressure exerted on
the tissue surface. A methodology is therefore needed to determine the loading
pattern as a function of the macroscopically exerted force or pressure.

Finite element model gh

The mathematical expression for the deformation and thus loading pattern
throughout a structure can be found by solving a complex set of partial
differential equations. More specifically, these equations are Cauchy’s equation of
motion (see equation A.40 in Appendix A), combined with boundary conditions
due to the macroscopic load and deformation applied on the boundaries of the
structure. These equations are often too complex to be solved analytically. A
solution is then found approximately by means of the finite element method.
In this case, the structure is subdivided into a mesh of elements and the
displacement of the nodes of the finite elements are found. The deformation at
any material point is then found through interpolation between these nodes∗.
∗For some basic information on the finite element method, see Appendix B. Though useful

for a more complete understanding, it is possible to continue reading this chapter without
reading the appendix.
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Figure 2.5: The macroscopic mechanical load gives rise to deformations distributed
over the entire body. An approximate relation between this macroscopic load and the
deformation pattern can be found using the finite element method. In this case, the
deformation of nodes of the finite elements are found, and the deformation at any
material point is found through interpolation between these nodes.

Figure 2.6: The nodal displacements of an element give rise to a certain deformation
inside this element, and consequently, to a certain amount of energy, or strain-energy
density inside a unit volume. The form of this strain-energy density function is chosen
such that it captures the typical material behaviour of the tissue, and its parameters
should be experimentally defined, according to the scheme in Figure 2.7.

Scheme 2.5 shows how the vector containing the displacements of all the nodes of
the finite element mesh ~u is found as a (discrete) function gh of the macroscopic
mechanical load (~F and ∆~u):

~u = gh(~F ,∆~u). (2.3)
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Strain-energy density function Ψ

One of the basic things needed for an accurate solution of the finite element
problem is knowledge of the material behaviour. This should be expressed in
the form of a constitutive law, relating the strain in a material to the stress
in this material†. Most biological tissues can be modelled as a hyperelastic
material. For this kind of material, a constitutive law can be written in terms of
a strain-energy density function Ψ, i.e. a function representing the energy inside
a unit volume of the material. This strain-energy density is in turn expressed
as a function of the deformation of the material. For a finite element model,
the deformation inside an element can be derived from the nodal displacements,
as shown in Figure 2.6. Consequently, it is possible to write:

Ψe = Ψ(~ue), ∀e, element of the model, (2.4)

with subscript e denoting a certain element in the structure. ~ue therefore
contains the displacements of all the nodes belonging to that element e‡. In
classical continuum mechanics, this strain-energy density is written as a function
of the deformation gradient F, or the Green-Lagrange strain tensor E, or another
deformation-related quantity. In finite elements, all these quantities can be
derived from the nodal displacements. Note however, that the strain-energy
density function is in fact also an inherent part of the finite element model gh,
and thus also needed in the iterative process to find the nodal displacements.

This strain-energy density function Ψ is a mathematical expression that, if
chosen wisely, should adequately characterize the mechanical behaviour of that
specific tissue under the envisioned mechanical loading situations. The material
parameters of this function are obviously tissue-specific, and should be defined
through experiments and parameter fitting according to the scheme shown in
Figure 2.7.

†For some basic information on continuum-mechancial terms such as stress, strain, strain-
energy density and hyperelasticity, see Appendix A
‡For simplicity, abstraction was made of the fact that the strain-energy density Ψi is not

strictly a property of the element, but of the integration points inside the element. To be
correct, the subscript e should be replaced by ip (for integration point).
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Experimental testing

Constitutive model:

Optimization of
parameters of 

iterate

Figure 2.7: Methodology for parameter fitting of a constitutive model. Stresses (Sexp)
and strains (Eexp) are measured experimentally. The experimental strains are used as
input into the strain-energy density function (Ψ) to calculate the model stress (Smod).
The error between the model stress and the experimental stress is minimized in a
nonlinear least mean squares optimization scheme, upon which the parameters of the
strain-energy density function Ψ are found.

Local damage function f

Ideally, at this point, a damage measurement method is used that quantifies
the damage at the same spatial resolution as that of the strain-energy density.
Consequently, this will finally allow the definition of an unambiguous load-
damage relationship between the local strain-energy density Ψe and the local
damage de, shown schematically in figure 2.8:

dke = fk(Ψk
e), ∀e, element of the model, (2.5)

∀k, constituent of the tissue.

The form of this local damage function f should, as in any constitutive model,
be chosen to fit the empirical data as adequately as possible. Similarly to the
strain-energy density function Ψ, the function will contain material-specific
parameters that need to be fit experimentally for each tissue type. Note that,
in contrast to the global damage function F , the function f is now independent
of the location index e, indicating its generic character. The superscript k in
the formula denotes that the relation may also be broken down into separate
relations for each of the constituents of a material, provided that the damage to
each of these constituents can be measured independently. For example, if the
mechanical contribution of a material can be subdivided into the contribution
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Figure 2.8: An unambiguous relationship f between the local strain-energy density
Ψe and the local damage de.

of, say, the smooth muscle cells, the fibres and the fatty tissue, then loading
the tissue will degrade each of these constituents separately.

Note that if the damage caused by the mechanical load occurs on a constituent
that has a mechanical contribution, this damage also influences the mechanical
properties of the material. Consequently, the strain-energy density function
also becomes a function of the damage [52]:

Ψk
e = (1− dke)Ψ̂k

e , ∀e, element of the model, (2.6)

∀k, constituent of the tissue,

where, Ψ̂ is the undamaged strain-energy density, purely a function of the
deformation, and Ψ is the damaged strain-energy density.

Note also that writing the damage as a function of the strain energy is in fact a
modelling choice. Different formulations exist to mathematically define damage,
which can be a function of measures such as energy, but also of deformation,
rate of deformation, etc. As mentioned before, damage is also a time-dependent
phenomenon. To account for long-term effects, a damage evolution law should be
formulated, describing how the acutely sustained damage evolves as a function
of time. Though highly useful, the derivation of such an evolution law is beyond
the scope of this PhD.

Damage relation H

In general, the spatial resolution of the damage acquisition will not match with
the resolution of the finite element method. One more step is needed in which
the relation between the measured damage D or Dj , and the local damage de
is defined, shown schematically in Figure 2.9. Theoretically, the global damage
D can be expressed as the integral over the entire volume Ω of a function H,
depending on the local damage de:

D =
∫
H(de)dΩ. (2.7)
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The actual form of the function H depends on the type of damage considered. If
the damage can be measured through a mechanical process, again a solid
mechanical finite element model can be designed, simulating the damage
measurement test. For example, if a patch of skin tissue is stretched in a
biaxial testing machine, the collagen fibres will gradually tear, resulting in a
measurable global decrease in stiffness. This can also be simulated with finite
elements, where the damage dcollagene results in a decreased contribution of
the collagen to the strain-energy function and thus in a decreased stiffness of
an element. Integrating all these element contributions results in the global
stiffness of the system.
In some cases, the damage measurement test is the same as the mechanical
loading test, so that the same finite element model gh also defines H. This is
also the case in the example of the skin patch test.

Sometimes the damage to some biological function cannot be measured directly
through a mechanical process. Hence, a biochemical model characterising this
function needs to be integrated or combined with the finite element method that
relates local damage to global damage, or needs to replace the finite element
method altogether. The exact form of this biochemical model is obviously very
application-specific.

Once the expression H is defined, an experimental as well as a computational
path exists to define the relation between macroscopic load and global damage,
as the combination of equation 2.3, equation 6.1, equation 2.6, and equation 8.1
yields:

D =
∫
H(f(Ψ(gh(~F ,∆~u))))dΩ. (2.8)

Figure 2.9: Relation H between the measured global damage D and the local damage
de.
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Iteratively comparing the experimental resultsDexp, defined by Fexp in equation
2.1, with the computational results Dcomp defined by the relation described
in equation 2.8, allows fitting of the parameters of the function f , as shown
schematically in figure 2.10.

Experimental testing:

Computational framework:

Optimization of
parameters of 

iterate

Figure 2.10: Schematic overview of the fitting of the parameters of the damage function
f .

In summary, if the material behaviour of a certain tissue can be
characterized by the strain-energy density function Ψ, then an unambiguous
relation can be found between the strain-energy and the local tissue damage
in regions of constant Ψ. For a certain macroscopic loading situation
on a certain geometry of this tissue, the local strain-energy Ψe can be
found approximately by means of the finite element method. Figure 2.11
summarizes the entire process.
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Figure 2.11: Summary of the entire computational framework. The relation Fexp is
known only for the specific loading situations of the damage experiment. Through
finite elements, the relation between the macroscopic load and the nodal displacements
of the finite element mesh is found, described by the discrete function gh. The
local strain-energy density inside a finite element Ψe is found as a function of the
nodal displacements of this element. Function H describes the relation between the
local damage de and the global, or experimentally measured damage D. To find the
relation between the local strain-energy Ψe and the local damage de, i.e. function f ,
a parameter fitting should be done, comparing the experimental path Fexp with the
computational path defined by the functions gh, Ψ, f , and H.
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2.1.4 Step 4: Defining the actual thresholds

Remember that the purpose of the computational framework is to allow the
definition of loading thresholds. Damage has been defined as the reduction in
function. In the computational framework, the term global damage is used for
the measured damage in the entire structure or a region of the structure (D
or Dj), whereas the term local damage, de, is used for damage on an element
level of the finite element mesh. In most situations it is not useful to set strict
damage levels only in the form of dlime , because a large region of tissue that
is slightly damaged might be as undesirable as a small region that is severely
damaged. Consequently, it makes sense to also define limits at the level of
global function, i.e. as Dlim.

The challenging part of defining the actual thresholds Dlim and dlime therefore
still remains. This is a biomedical research project in itself. As explained in the
beginning of this chapter, in current surgical practice, the amount of load that
can safely be applied on a certain tissue is highly subjective, i.e. depending on
the surgeon’s experience and judgement as well as the severity of the surgical
procedure. However, steps have now been taken to allow a more objective
approach to make this judgement:

1. By quantifying the term damage, the possibility now exists to compare
the judgement of different doctors and perhaps converge towards a general
consensus.

2. Through the framework, it is possible to detect whether dlim is exceeded
somewhere in the structure and, more importantly, which set of mechanical
loads causes this unacceptable amount of damage.

3. Through the framework, it is also possible to derive which combination of
de’s results in the exceeding of a global limit Dlim, and, again, which set
of mechanical loads causes this unacceptable amount of damage.

Ultimately, the process of checking whether a certain loading situation causes an
undesirable amount of damage should be performed during a surgical procedure.
The following section will describe the requirements for actually implementing
this idea into the intra-operative situation, i.e. for defining active thresholds on
a robotic telesurgical system.
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2.2 Applied research track: Implementation of
damage thresholds

Section 2.1 has shown how damage thresholds for a certain tissue type can be
defined for a general loading situation. It was postulated that damage can be
found as a function of the local tissue damage de, which is in turn a function of
the strain-energy density inside the tissue. The strain-energy density Ψe can be
found by means of the finite element method. The following protocol was defined:

1. For the current intra-operative loading situation, calculate:

• Ψe = Ψ(~ue), with ~ue = gh(~F ,∆~u), i.e. the finite element problem,
with an appropriate material model Ψ using corresponding
material parameters.

• de = f(Ψe), i.e. the damage function, with appropriate
parameters.

• D =
∫
H(de)dΩ, i.e. the function relating local to global damage,

with appropriate parameters.

2. Check whether D < Dlim and de < dlime , ∀e.

3. If D and/or de approaches the limit, enforce the constraint.

The required input to solve the three functions above is:

• The initial geometry of the structure, subdivided into a mesh of
elements.

• The material properties of the structure, which can differ in each
location. This includes the parameters of the material model Ψ and the
parameters of the damage function f .

• The boundary conditions of the structure, i.e. the force acting on and
displacements of the boundaries (~F , ∆~u). These will vary in time.
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The entire protocol involves four large steps. The inputs described in the first
two bullets can be defined pre-operatively and will be treated in step 1. The
inputs described in the third bullet need to be acquired intra-operatively and
will be described in step 2. The fact that the boundary conditions change
during the operation entails that the finite element problem needs to be solved
in real-time, the methods for which will be outlined in step 3. Finally, step 4
deals with how the constraints that follow from the damage monitoring protocol
are implemented in the control of the telesurgical system.

Note that this section provides an overview of the four required steps and that
each step is a research domain in itself. The goal of this section is to establish
the framework, without elaborating on the actual implementation. As this is
the subject of future research, it will be touched upon in the conclusions of this
PhD thesis.

2.2.1 Step 1: Defining the pre-operative patient model

The intra-operative finite element model requires information on the patient-
specific initial geometry and on the patient-specific material properties
of the envisioned structure, which can both be predefined. The former is
derived from segmentation of MRI and/or CT images, the latter needs to
be defined through mechanical experiments.

The initial geometry

A preoperative MRI-scan of a patient can be transformed to a three-dimensional
geometrical model through segmentation and reconstruction [4, 28, 7]. Only
that part of the body should be reconstructed that is critical for the planned
operation. For a good finite element model, detailed segmentation is needed.
For arteries, for example, layer-specific segmentation should be performed,
which is currently not yet possible in an in vivo setting [3]. The segmented
geometrical model should subsequently be divided into elements to obtain a
finite element model mesh through mesh generation [59, 44, 22]. Preferably,
quadratic tetrahedral or linear hexahedral elements are used [9].

Both accurate soft tissue segmentation and automatic mesh generation for
irregular geometries are active research topics (see for example the SCATh
project [47]).
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The material properties

Once the mesh is defined, mechanical properties should be assigned to
the elements. This involves the choice of a suitable material model and
accompanying material parameters. The mechanical behaviour of biological
tissue is typically nonlinear, heterogeneous and anisotropic, for which numerous
constitutive models have been suggested (see chapter 5). Material testing
is required to define fitting parameters. The material parameters are found
through an optimization process in which analytical or numerical simulations
of these mechanical tests must be fit to the experimental data, as shown in the
scheme in figure 2.7. A similar optimization process is needed for the damage
function f , for which the methodology was already explained in the previous
section.

The big issue w.r.t. the definition of parameters is patient specificity. It is yet
to be discovered how large the interspecimen variation is between patients. One
can assume that it should be possible to classify patients into material-property
groups, based on physiological data (e.g. sex, age and pathology).

2.2.2 Step 2: Acquiring intra-operative force-displacement
information

The real-time finite element model requires information on the boundary
conditions, i.e. the force and displacement of the instrument, and the
displacements of the boundaries of the structure, that all vary in time. To
supply this information to the real-time FE model, an intra-operative force
and displacement measurement of the instrument is required, as well as fast,
non-rigid registration of the intra-operative images with the preoperative
images.

The focus in this discussion lies on teleoperation systems for laparoscopic surgery,
i.e., when long, rigid instruments are inserted into the body through a trocar,
and on catheterisation procedures, when a flexible instrument is introduced into
a blood vessel.
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Force & displacement of the instrument

For laparoscopic procedures performed via a teleoperation system, the position
coordinates of the instrument tip can be estimated based on the measurement
of the position of the joints. The accuracy of this estimate depends a.o. on the
backlash and/or structural compliance [55] of the robot arm and the instruments.
In case the accuracy is insufficient, as well as in the case of catheterisation,
where the robotic device is inherently flexible, actual measurement of the
instrument/catheter tip position needs to be considered. One solution could be
to use electro-magnetic tracking sensors [21].

The big challenge here is the measurement of the instrument forces. Three
methods can be distinguished:

Distal sensor

When a force sensing element is placed at the tip of the instrument,
a number of restrictions need to be taken into account. First of all,
integrating the sensor into the tip requires a great deal of miniaturization,
up to a diameter of ±8 mm for a typical laparoscopic instrument, or ±4
mm for a catheter. Secondly, because the instrument is introduced into
the body of the patient, the sensing element needs to be sterilisable and,
preferably, resterilisable.
For laparoscopic surgery, methods using strain gauges [6, 49] or micro-fibre
optics [39, 18, 16] have been suggested. For catheterisation, EndoSense
[12] has developed and commercialized a radiofrequency ablation catheter
equipped with a tri-axial optical fibre force sensor positioned at the distal
tip, the TactiCath 2.12(b). This catheter can measure the contact force
between the heart wall and the catheter tip.

Force estimation

To control the position of the tip of the instrument, a certain amount
of torque is applied by the motors. By taking into account the loss due
to friction in the actuation unit, the joints and at the trocar point, the
force at the instrument tip can be estimated using the kinematics and
dynamics of the robotic device [30, 35]. However, friction modelling has
proven to be quite tedious, as friction is a highly nonlinear phenomenon
[1]. For laparoscopy, especially the frictional forces in the trocar are
difficult to estimate. For catheterisation, this process becomes even more
cumbersome, because friction exists not only at the insertion point, but
all along the catheter. Therefore, the method of force estimation is not
considered a valid alternative at this point.
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(a) Distal force measurement system
for MIS using strain gauges [49].

(b) The TactiCath measurement sys-
tem for catheterisation using fibre
optics [12].

Figure 2.12: Force measurement using distal sensors.

Overcoat principle

This method is only feasible for the laparoscopic situation. If one force
sensor is placed at the end-effector of the robot, and another is integrated
in the trocar, the vector sum of the two measured force vectors yields
the force vector at the instrument tip. The advantage of this method
is that the restrictions on the dimensions and sterilization of the force
sensors are far less conservative and that not every instrument needs to
be equipped with a force sensor. This method has been implemented by
[58, 50, 57].

Displacement of the boundaries of the structure

The boundaries of the intra-operative finite element model change w.r.t. the
initial geometry. Registration is needed of the pre-operative mechanical model
with the world coordinate system of the robot. Rigid registration can be
performed by matching anatomical or artificial landmarks, for example as
in [37]. However, ideally, this registration is non-rigid, as organs will have
shifted and deformed w.r.t their configuration in the MRI- or CT-scanner. The
registration should also be dynamic, as obviously the organs will move and
change shape due to the surgical manipulations. Methods for fast, dynamic, non-
rigid registration are being explored in numerous labs, using techniques such as
SLAM (simultaneous localization and mapping) [33], and even GPU-acceleration
[45].
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Figure 2.13:
Force
measurement
in MIS using the
overcoat principle
[56].

2.2.3 Step 3: Real-time damage monitoring

The constraints that need to be supplied to the control system of the
teleoperation change intra-operatively. Monitoring the intra-operatively
induced damage according to the damage monitoring protocol therefore
requires the solving of a finite element problem in real-time. Different
solution schemes exist and are explained below, in order of rising accuracy
and computational complexity.

The definition of real-time can be found in [dictionary.com] as:

"pertaining to applications in which the computer must respond as rapidly as
required by the user or necessitated by the process being controlled."

The process being controlled here is the prevention of tissue overload during
a surgical manipulation, which is still a rather slow process compared to, for
example, visual or haptic rendering, which typically require an update rate
of 60 Hz and 1000 Hz, respectively [29, 17]. The update rate required here
depends on the approach taken to update the damage limits. Two approaches
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are proposed in this respect, which will be referred to as the feedback and the
feedforward approach, analogous to control theory:

Feedback approach:

In the feedback approach, the finite element model should be continuously
updated as the boundary conditions change, at a rate in the order of 1
to 2 Hz. This is approximately the bandwidth of the movements of a
surgeon [15]. Once the finite element model results in a damage value
that exceeds the threshold, the constraint is activated.

Feedforward approach:

The feedforward approach takes into account that the manipulations
of a surgeon are task-based. This way, limits can be set for a certain
task as soon as it is recognized by the system. For example, if during
a surgical procedure, first a renal vein is to be retracted, after which a
renal artery is clamped, this manipulation consists of two tasks. Once the
surgical tool comes into contact with the renal vein and the retraction
direction has been detected, the system can assume that the surgeon will
continue to retract the vein along this direction. The limit up to which
the vein can be pulled in this direction can then be predicted and sent
as a position or force constraint for the instrument to the control of the
teleoperation system (section 2.2.4). The same holds for the clamping
step.

Though the feedforward approach requires less FE calculations compared to the
feedback approach, it requires more image and force data processing for task
recognition. Moreover, extra checks should be introduced to see whether the
task is being performed according to the prediction, for example by comparing
the actual force and displacement of the instrument with the predicted ones. If
the deviation from the prediction exceeds a certain level, an update is needed.
Whether the feedback and/or the feedforward approach must be used can be
decided by weighing the cost of FE calculation with the cost of image processing.

Regardless of the approach, a significant increase in computational speed is
required compared to the current speed of a typical commercial FE program
for a finite element problem of the considered size. Different approaches can
be taken to speed up the computational process, which are summed up here in
order of rising accuracy and computational cost.
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Predefined tasks:

One can divide the surgical work flow into a predefined set of risky tasks
(e.g. clamping, retraction of a blood vessel,. . . ). By precalculating the
maximum force limit for each of these tasks, the online calculation can
be limited to recognition of the (closest fitting) predefined task.

Statistical state modelling of the tasks:

Again, one can divide the surgical work flow into a predefined set of
risky tasks (e.g. clamping, retraction of a blood vessel,. . . ). Then,
the maximum force limit for each of these tasks, and for different
modal variations of these tasks (w.r.t. positioning of the instrument,
current geometry of the tissue) can be precalculated. The online
computational work then consists of making a statistical superposition
of the precalculated states to fit the current loading situation, similar
to the process described in [27]. The number of required precomputed
states for a reliable reconstruction of the current loading situation should
be defined through validation procedures.

Parallel programming on the GPU:

Calculation acceleration of large problems is being accomplished in
many research domains through parallelization. Parallelization can be
done between the CPU’s (central processing units) of the computer,
but especially GPU’s (Graphics Processing Units) are fit to perform a
massive amount of ‘simple’ tasks in parallel. NVIDIA GPUs are based
on the CUDA (Compute Unified Device Architecture) parallel processing
architecture and can be programmed using industry-standard languages
such as C, C++, and Fortran [38].
Also in the field of finite elements, parallelization is gaining popularity.
The commercial finite element program Abaqus already allows paralleliza-
tion between up to 24 CPU’s. Efforts are also being made to allow certain
calculations of the Abaqus FE solver to be performed on the NVIDIA
GPU using CUDA. Several research groups have already succeeded in
implementing some form of finite element solving in a combined CPU-
GPU architecture using CUDA [25, 8].
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2.2.4 Step 4: Enforcing the constraints

The real-time damage monitoring protocol tracks whether the instrument
forces of the slave remain below the level of tissue damage specified for the
manipulated tissues. Ultimately, these thresholds need to be implemented
into the control of the robotic system. This functionality should be as
intuitive as possible and should not impede the surgeon in any way during
normal manipulation in the ‘safe zone’. When an instrument approaches a
limit, different measures can be taken to enforce this limit.

Warning:

An audio signal or a tactile signal in the surgeon’s joystick is given. This
method is completely passive and its effectiveness relies on the reaction
speed of the surgeon. The surgeon remains in full control.

Virtual fixtures:

A virtual impedance (i.e. a stiffness or a damping element) is activated
at the master side in the direction in which the forces are becoming too
large. The degree in which the surgeon can still override this restriction
depends on the magnitude of the added stiffness or damping.

Shared control:

The motion task for the slave is adapted. The slave no longer purely
follows the master position, but also respects motion constraints defined
by the damage limit. The control for the slave is thus shared by the
surgeon and by the ‘intelligence’ provided by the real-time damage
verification process.

The implementation of the second and the third measure can be realized
with a task-based programming approach such as iTaSC [10]. iTaSC stands for
instantaneous task specification using constraints and these (possibly conflicting)
constraints can be defined in different frames and spaces. The core of an iTaSC
controller is the solver of a least-squares optimization problem which is able to
manage conflicting constraints. In the third case, for example, the two major
constraints are following the master position and respecting the damage limit.
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2.3 Case study: Arterial clamping

The core work of this PhD is to apply the principles described in section 2.1,
namely the definition of damage thresholds, specifically for the case study of
arterial clamping. This paragraph provides some basic information on the
structure and function of the artery, followed by an explanation of the case
study as well as the rationale behind the choice of this specific case study.

2.3.1 The artery

Morphology of the healthy artery

An artery consists of three distinct layers, shown in figure 2.14. In healthy
arterial tissue, the inner layer, or intima, consists of an endothelial layer. The
middle layer is the media, which is the most important load-bearing layer of the
artery within the physiological loading domain. It consists of collagen, elastin
and of smooth muscle cells separated by fenestrated elastic laminae. The outer
layer, the adventitia, is surrounded by loose connective tissue and it consists
mainly of thick bundles of collagen fibres in a helical structure [43]. For a more
detailed description of arterial wall morphology, the reader is referred to, for
example, [43] and [20].

Figure 2.14: Microscopic image of a cross-section of a rat abdominal artery, stained
with an H&E staining.
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Figure 2.15: The contractile unit in a smooth muscle cell. Figure from Murtada et al.
[34].

Functionality of the artery

Arterial blood pressure is regulated acutely by altering the luminal diameter,
which is controlled by balancing vasoconstricting and vasodilating influences
on the smooth muscle cells in a mechanochemical process. Smooth muscle
cells contain actin and myosin filaments that slide relative to each other,
causing contraction and relaxation. This relative sliding is accomplished by
configurational changes of the cross-bridges, or myosin heads, which connect
the myosin to the actin filament. These configurational changes are caused by
the phosphorylation and dephosphorylation of the myosin heads, as a function
of the intracellular calcium concentration. For a detailed description of the
mechanochemical process of smooth muscle cell contraction, the reader is referred
to, for example, [54] or [34].

Mechanical behaviour of the artery

Arterial tissue has a number of interesting mechanical features. First of all, it
behaves nonlinearly when stretched, due to the presence of the collagen fibres.
These collagen fibres are in a wavy state when the artery is in its zero-stress state.
When stretched, the fibres gradually straighten out and start to contribute to
the stiffness (see figure B.2 in Appendix B).

Arterial tissue is also a composite structure, as the intima, media and
adventitia have a different constitution and thus mechanical behaviour. Even
inside a certain layer, the material is heterogeneous. The media, for example,
contains three load-bearing constituents, the collagen fibres, the smooth muscle
cells and the matrix material.
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Again due to the presence of fibres, the behaviour of the artery is also
anisotropic, i.e. it will behave differently according to the direction in which
it is loaded.

An artery is viscoelastic, i.e., its behaviour is different for different load rates
and the phenomena well known in rubber, i.e. creep and relaxation, occur.

An artery is a living tissue and therefore ever growing and remodelling in
reaction to certain biochemical or mechanical stimuli. Related to this is the
fact that an artery contains residual strains, which means that the zero-load
state does not coincide with the zero-stress state.

An artery has an active mechanical component, in the form of smooth
muscle cells, which can contract and relax in response to intracellular calcium
concentration.

Finally, when loaded up to situations higher than the physiological conditions,
an artery is subject to damage. This can have different effects, first of all in
the form of acute softening (e.g. due to the rupture of collagen fibres), but also
in the form of remodelling. Research has shown for example that excessive wall
shear stress at the luminal side of the artery will induce intimal thickening [41].
Other long term effects, for example due to clamping, are yet to be investigated.

2.3.2 Clamping of an artery

Numerous surgical procedures require the temporary clamping of an artery
to provide a blood free zone distal to the clamping site. Three examples are
provided in figure 2.16. The left image shows a repair of a cardiac malformation,
during which several vessels require clamping. The middle figure shows a
schematic screenshot of an anastomis, i.e. the suturing of one artery to another.
This is for example required during coronary bypass surgery, when a coronary
artery is occluded due to atherosclerosis. The right figure shows a nephrectomy,
i.e. the removal of a kidney. In each of these cases, it is obviously important
that the vessel be completely closed, but also that the healthy, still functional
part of the vessel is not damaged in the process. Excessive damage to the
arterial wall often triggers the onset of more atherosclerosis, leading to new
occlusions. If the artery is clamped at a site that is already atherosclerotic,
the atherosclerotic plaque can rupture and embolize, i.e. get injected into the
blood flow, possibly causing a new occlusion. If the vessel is fragile, clamping
might lead to a dissection (rupture) of one of the arterial layers or even bleeding
through the artery wall [31].
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Figure 2.16: Arterial clamping during various surgical procedures. The left figure
shows a screenshot during a cardiac procedure in which several vessels require clamping
[11]. The middle figure shows a close-up of an anastomosis, i.e. the suturing of one
artery to another. Clamping is again required to ensure a blood-free zone [32]. The
right figure shows a close-up of a nephrectomy, where the artery that supplies blood
to the kidney is clamped, to drain the kidney from blood before it is removed [13].

2.3.3 Rationale behind the choice of the case study

There are several motivations for the choice of arterial clamping as a case study.
The clinical motivation is that arterial clamping is very commonly performed
during all kinds of surgical procedures and therefore highly relevant. Moreover,
as explained above, the risk related to arterial clamping is evident.

The scientific motivation is that the mechanical properties of arterial tissue
are a very interesting study object, because of all the features described in
section 2.3.1. Trying to capture these features in a mechanical model is a true
computational challenge.

There is also a practical motivation. The boundary conditions for arterial
clamping are quite well defined and the geometrical structure is fairly regular.
The detection of the geometrical boundary conditions, which change during the
manipulation, requires a lot of image processing. Since the emphasis in this
thesis lies more on the mechanical modelling than on the image processing, the
simple boundary conditions will allow us to focus on the core competencies.
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Another practical motivation is the fact that a feasible animal model exists to
perform the experimental study. The rat abdominal aorta was used, since it
mimics the size of human arteries frequently encountered during surgery, such
as coronary arteries, or below-knee vessels.

Although the remainder of this PhD thesis focuses on arterial clamping,
the principles are easy to expand to other tissues and applications. For
cardiovascular applications, the material model remains the same, and the
main challenge for other applications will lay in the altered boundary conditions,
which is more an image processing than a mechanical challenge. The described
methodology is generally applicable to other surgical situations with other
tissue types, provided appropriate material models and damage functions can
be defined and populated with relevant properties.
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This chapter formulates the actual research objectives of this PhD,
all related to the application of the fundamental research track of
finding damage thresholds, specifically for the clamping of an artery.
This research has led to the publication of four journal papers, which
constitute part II of this thesis.

Chapter 3

Research objectives
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3.1 Introduction

Chapter 2 has shown how the framework of this PhD can be subdivided into a
fundamental research track, i.e. defining damage thresholds, and an applied
research track, i.e. implementing these thresholds into a robotic system. Besides
establishment of and conceptual contributions to both research tracks, concrete
advancements w.r.t. the state of the art were made in the fundamental research
track. In total, six objectives can be formulated, which will be outlined below.

The following sections describe how each of the steps of the fundamental
research track were addressed in this PhD research, for the specific case of
arterial clamping, described in section 2.3. Figure 3.1 shows this schematically.
A number of these developments led to publications, which constitute part II of
this PhD thesis. Finally, it is explained how the developments also provide a
more general added value to the state of the art.

Figure 3.2 provides an overview of the six research objectives and the relation
between these objectives and the following chapters.

3.2 Arterial clamping: damage quantification

Objective 1: Formalize the methodology for damage quantification in the artery

It was explained in section 2.1.1 how damage to a certain tissue can be
characterized as a reduction of mechanical and/or biological function. For
arterial tissue, the main biological function is the vasoregulating capability (see
section 2.3.1 in the previous chapter), which is controlled by the contraction
and relaxation of the smooth muscle cells, that can in turn be activated by the
endothelial cells. In this PhD, two methodologies were performed to quantify
this damage to the biological function:
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Figure 3.1: The computational framework described in section 2.1, applied to the case
study of the clamping of an artery.



ARTERIAL CLAMPING: DAMAGE AS A FUNCTION OF MECHANICAL LOAD 65

Quantifying biological function with a myograph

In a myograph setup, an arterial segment can be directly tested for its
vasoregulating capability by actually measuring the contractile force that
the smooth muscle cells produce in reaction to certain vasoconstricting
and vasodilating agents. The experimental protocol can be defined in
such a way that the integrity of the smooth muscle cells and the integrity
of the endothelial cells can be tested separately.
Chapter 4 describes the myograph setup and protocol extensively and
describes how a set of rat abdominal arteries were clamped up to different
force levels in vivo, after which the induced damage was quantified in the
setup.

Quantifying biological function through morphology

Hematoxylin and eosin (H&E) staining on a thin slice of an arterial
segment highlights the nuclei of cells and the elastic lamellae. The basic
stain hematoxylin colours basophilic structures (such as DNA) purple,
while the acidic eosin colours intra- and extracellular proteins (such as
the elastin and collagen fibres) pink. Therefore, especially the nuclei of
endothelial cells can be quite clearly discerned when the stained sections
are imaged through transfluorescence microscopy. A simple cell count
of these endothelial nuclei provides another quantitative measure of the
damage. Chapter 4 describes the methodology and the results of the
endothelial cell count on the same set of rat abdominal arteries.

3.3 Arterial clamping: damage as a function of
mechanical load

Objective 2: Design a device for controlled in vivo loading of an arterial segment

To allow the objective definition of loading thresholds, a relation between
mechanical loading and damage must be established for a certain tissue type.
This requires a device enabling the application of a controlled amount of force
to the tissue, preferably in vivo.
Chapter 4 describes the design of a clamping device for in vivo clamping of
rat abdominal arteries, and how it was used to clamp a range of arteries up
to different clamping forces, after which the induced damage was evaluated
according to the methods described in objective 1. Force duration and loading
were recorded during the experiment.
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3.4 Arterial clamping: a computational framework

Objective 3: Define an adequate material model for arterial tissue

The experimental setup to clamp the abdominal artery does not provide a
homogeneous loading situation. Consequently, the damage induced in the artery
is not homogeneously distributed and it is not straightforward to define an
unambiguous relationship between the macroscopic clamping force and the
induced damage. Moreover, the obtained results w.r.t. clamping force would
not be extrapolatable to other loading situations.

The computational framework described in section 2.1.3 shows that first of all,
the macroscopic loading should be translated into a local loading pattern. This
relation was referred to as the function gh and represents the finite element
model. Needed for the finite element model is an adequate material model
capturing the typical mechanical behaviour of the artery. As described earlier,
arteries have a number of interesting mechanical features, such as nonlinearity,
heterogeneity, anisotropy, remodelling and damage. The ideal material model
would take all of these features into account. However, a trade-off must always
be made between computational cost and practical feasibility. Moreover, some
features might not be of importance for the envisioned application.

Chapter 5 provides a general overview of existing constitutive models of soft
biological tissues in general, showing how the typical features can be incorporated.
Chapter 6 then provides more details on the current state-of-the-art model for
arterial tissue, namely the Holzapfel-material model. The Holzapfel-material
model is suitable for physiological loading situations and in the passive state of
the smooth muscle cells, but it is not capable of capturing the active contribution
of the smooth muscle cells, nor the reduced mechanical contribution of the
different constituents when they are damaged. Therefore, in chapter 7, a new
material model is proposed that does take these features into account and is
capable of capturing the mechanical behaviour needed to define the relation
between mechanical loading and damage.
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Objective 4: Define the parameters for the material model

The quality of a material model strongly depends on how accurately its material
parameters can be set. To define these material parameters, mechanical testing
is required. The material parameters are then found through an optimization
process in which analytical or numerical simulations of these mechanical tests
must be fit to the experimental data, as shown in the scheme in figure 2.7.

Different experimental setups for material testing of soft tissues in general are
discussed in chapter 5. Extension-inflation tests on rat abdominal arteries,
followed by parameter fitting to an analytical simulation of the extension-
inflation, were performed for the Holzapfel material. This is described in
chapter 6. Chapter 7 describes how clamping and myograph tests are performed
and compared to numerical simulations, to fit a number of parameters of the
new material model.

Objective 5: Construct a finite element model simulating the mechanical loading
process

When the material model has been defined and the parameters have been set,
the mechanical loading process can be simulated with finite elements to find
the distribution of strain-energy density Ψ throughout the model.

Chapter 6 describes how this is done in the commercial finite element program
Abaqus. Here, the material model used is the basic Holzapfel-material model,
which is readily available in the software program. Several features of the finite
element model were varied to assess their effect on the end result. The effect of
residual strains, clamp design and variations to the material parameters were
evaluated.

In chapter 7, the new material model incorporating muscle activation and
damage is implemented in a material subroutine in Abaqus. Subsequently, the
finite element simulation performed in chapter 6 can be repeated using this new
material model, which allows the different constituents to degrade independently
as a function of mechanical loading.
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Objective 6: Formalize the relation between Ψ and d

The next step in the computational framework (section 2.1.3) is to define the
relation between the strain-energy density Ψ and the damage di. In other words,
the form of the function f in equation 2.6 should be chosen and parameters for
this function should be found, according to the scheme in Figure 2.10.

The damage that is quantified in chapter 4 is the reduction of vasoregulating
capability, which is related to the contraction ability of the smooth muscle cells.
This is measured macroscopically in a myograph, and referred to as the global
damage D. The local distribution of this global damage is not yet known. One
step is thus still missing to relate local mechanical loading information, or Ψi
to local damage di, namely the relation D =

∫
H(di)dΩ.

This relation is defined by another finite element simulation, this time of the
myograph experiment, so that the macroscopic force measured in the setup
can be broken down into a local distribution of smooth muscle cell (SMC)
contributions. The same new material model is used, because contraction of the
SMCs as well as damage to these SMCs, and thus to their contraction capability,
is included. Consequently, the relation can be found between the strain-energy
density Ψsmc, and the damage to the vasoregulating capability of the SMCs.
This entire process is described thoroughly in chapter 7, and is in fact the same
process as fitting the material parameters of the damage contribution of the
new material model, as explained in Objective 4.

3.5 Beyond arterial clamping and beyond tissue
overload prevention in surgery

The objectives formulated above are fulfilled for the specific case study of arterial
clamping, and even more specifically for rat abdominal arteries. In their current
form they can therefore only lead to ‘safe’ clamping of healthy rat abdominal
arteries, which is not exactly a clinically or commercially interesting application.
However, these objectives do form the basis of a number of promising research
and application directions.

In the conclusions and outlook, future work regarding the general use of the
framework for other tissue types will be discussed, as well as other applications
for the experimental and computational findings of this PhD. The steps needed
to bring the concept of soft tissue damage prevention into a clinical setting also
form the basis for future work following this PhD research, more specifically
related to patient-specificity and real-time finite element computing.
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Figure 3.2: Schematic overview of the six research objectives and the relation between
these objectives and the following chapters. Objectives 1 and 2 involve experimental
testing and are covered in chapter 4. Objectives 3 and 4 are related to the definition
and parameter fitting of the new material model, respectively. The former is covered
in chapters 5 and 7, while the latter is covered in chapters 6 and 7. The numerical
simulations of the arterial clamping and the myograph experiment are covered in
chapters 6 and 7, respectively.
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Abstract

In robotic and conventional minimally invasive surgery the risk of complications
caused by collateral tissue damage remains high. This paper studies the concept
of imposing damage thresholds on surgical instruments to avoid tissue overload.
More specifically, the correlation between mechanical loading and damage in
case of vascular clamping is investigated.

With a computer controlled device, a high and a low clamping load were applied
in vivo on the abdominal aorta of 43 rats. Samples of both loading levels
were compared with zero load control samples and with samples clamped by a
mosquito clamp w.r.t. functionality and histological integrity.

Analysis of the samples shows that high clamping forces result in endothelial
and smooth muscle cell destruction. Clamping with a mosquito clamp will
cause even more damage to the elastic lamellae. Samples loaded at the lower
load showed significantly less smooth muscle cell damage and a lower degree of
endothelial damage.

This paper is the first to statistically quantify the correlation between the degree
of mechanical loading and the degree of tissue damage, thus setting the first
steps towards tissue overload prevention during surgery. Future experiments
will also include the effects of loading duration, recovery and patient-specificity.

Keywords

Arterial clamping, damage thresholds, biological soft tissue, robotic surgery
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4.1 Introduction

Surgery always entails a certain degree of collateral tissue damage. Several
measures have been taken over the years to minimize this damage. One measure
has been the development of atraumatic, or minimally traumatic surgical
instruments and techniques. For example, a number of studies in the past
have investigated which vascular clamping method causes the least amount of
damage [14, 27, 11, 6, 2].

A second, more drastic measure has been the advent of minimally invasive
surgery (MIS), which significantly reduces gross trauma. However, even though
externally visible trauma is clearly less in MIS, there is no scientific consensus yet
that iatrogenic complications are significantly lower compared to open surgery
[8, 23, 18, 1, 3].

Robot assisted MIS was developed to overcome major ergonomic problems
related to MIS, and to allow telesurgery, meaning the surgeon can manipulate
a master console at a large distance from the operational field, where a slave
robot executes the surgeon’s commands. Even though haptic feedback has
been proven to enhance the surgeon’s performance for certain tasks [20], to
the authors’ knowledge, none of the current commercial robotic MIS systems
provide it. Different force measurement techniques and bilateral teleoperation
control schemes are being developed throughout the world in the quest to restore
haptic feedback in robot assisted MIS [20]. However, currently, the surgeon has
only visual information on the amount of force applied on the tissue.

A third measure to minimize tissue damage in surgery is to deal with the lack of
haptic feedback in robot assisted MIS through active tissue overload prevention
[5, 15, 7]. During robot assisted,surgery, different degrees of autonomy can be
assigned to the robotic system, the two extremes being full autonomy and pure
teleoperation. An intermediate control approach is that of shared autonomy in
which the surgeon is allowed free control of the system within certain ranges,
e.g. [13], [26]. If damage thresholds for various tissues are known, they can be
incorporated into the control scheme so that instrument forces are limited to
this level and tissue overload is actively prevented.

The implementation of this third measure requires the correlation of mechanical
loading levels to the degree of damage in tissue, so that relevant thresholds can
be set. These thresholds are, however, highly organ- and patient-dependent. To
the authors’ knowledge, De et al. [5] have been the first and only researchers to
perform studies to identify stress magnitudes and durations that can be safely
applied to biological soft tissue, more specifically to porcine liver. However,
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the study was limited to a single animal experiment and consequently does not
allow the definition of statistically significant thresholds. This paper describes
how damage thresholds can be found for the case of cardiovascular clamping,
based on multiple animal trials.

The case study of arterial clamping is examined, as it is one of the most
common surgical maneuvers and a known risk factor for complications [17]. The
remainder of the introduction will detail on the state of the art in different
aspects of this case study, namely the morphology and physiology of the artery
and methods for vascular damage detection.

Morphology and physiology of the artery

Arterial tissue consists of three layers. The inner layer, or intima, consists
mainly of one layer of endothelial cells. The middle layer is the media, which
is the most important load-bearing layer of the artery. It consists of collagen
and elastin fibre-reinforced layers of smooth muscle cells (SMC’s), separated
by fenestrated elastic laminae. The outer layer, the adventitia, is surrounded
by loose connective tissue and consists mainly of thick bundles of collagen
fibres in a helical structure. For a more detailed description of arterial wall
morphology, the reader is referred to [22]. Arterial blood pressure is regulated by
altering the vascular tone. This is controlled by balancing vasoconstricting and
vasodilating influences on the smooth muscle cells, some of which are produced
in the endothelial layer.

Different types of arterial damage can occur during surgery. The most drastic
and acute form is vessel rupture due to excessive traction or puncturing. For
larger vessels which cannot be coagulated, such a rupture will require the
conversion to open surgery. Even when the traction or compression does not
cause immediately visible damage, high stresses on the blood vessel can cause
endothelial damage and subsequently intimal hyperplasia, which will lead to
accelerated atherosclerosis [21]. Damage to the endothelial cells and to the
SMC’s will disrupt the process of acutely balancing the vascular tone, i.e. the
vasomotor response.

Methods for vascular damage detection

Earlier studies have already described vascular damage due to surgical clamping
and methods for its detection. Scanning electron microscopy (SEM) can
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provide high resolution images of a sample surface and has been used to
assess the integrity of the intimal layer of the artery. Disruption of endothelial
cells, deposition of platelets, fibrin and red blood cells and fissures in the
luminal surface are all signs of tissue damage that can be detected with SEM.
Morphological alterations of the internal elastic laminae, endothelial cells and
overall structure, can be analyzed on hematoxylin and eosin (H&E) stained
slices in a standard optical microscope [14]. A CD31 antibody staining for
immunohistochemistry allows assessment of the endothelial integrity of a sample
[16].

Besides the histological techniques described above, other groups have used
functional techniques, i.e. studying the vasomotor responses of arteries after
loading. This is done by measuring the reaction of the blood vessel after adding
external vasoconstricting and vasodilating influences [10, 2].

The studies described above focus on loading by typical surgical clamps. To
the authors’ knowledge, no studies have been published on clamping forces
exerted during robotic minimally invasive surgery. The remaining studies fail
to specify the exact amount of loading applied to the tissue, as the exact load
that a surgical clamp applies is highly dependent on the position of the tissue in
the clamps, the texture of the clamp surface and the thickness of the clamped
tissue. This makes it very difficult to identify and impossible to control the
applied load in an in vivo situation with such a clamp.

In order to find a correlation between mechanical loading and arterial tissue
damage, this paper describes a methodology to apply controlled loading with a
custom made clamping device and relate it to damage. High loading levels and
low loading levels are compared with loading by a normal vascular clamp, and
with unloaded control segments w.r.t. functionally and histologically detected
damage parameters.

4.2 Materials and methods

4.2.1 Animal model

The rat abdominal aorta was used since it mimics the size of human arteries
frequently encountered during surgery, such as coronary arteries, or below-
knee vessels. A total of 43 male wistar rats with a weight of 250 − 300 g
were anesthetized with an isoflurane-oxygen mixture through a semi-closed
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circuit inhalation system. The animals were placed on a heating pad to control
body temperature. An incision in the abdominal cavity was made, upon
which the surrounding organs and fatty tissue were retracted to free a length
of approximately 1.5 cm of the abdominal aorta and vena cava. Next, two
segments on the distal and the proximal half of the freed abdominal aorta and
vena cava were either clamped for 120 seconds in a custom designed clamping
device or used as a control. Two types of control regimes were used, namely
zero loading and loading with a mosquito clamp, which in surgical practice is
commonly known to cause vascular trauma. The clamping position (distal or
proximal) for each loading group was alternated. The abdominal aorta and
the vena cava were clamped together as separating the two vessels causes an
uncontrollable amount of extra damage which would distort the results. Due to
the principle of action-reaction at the interface between the two vessels, this
will not influence the amount of loading applied on the artery itself. After
clamping, both segments were excised and mounted separately on a custom
made myograph. Care was taken to minimize surgical trauma of the segments.
All experiments were performed conforming to the Guide for the Care and Use
of Laboratory Animals of the US National Institute of Health and have been
approved by the Ethics Committee of the KU Leuven.

4.2.2 Mechanical clamping device

In total, four different loading levels were applied on different aortic segments.
Next to clamping with a mosquito clamp and a zero load control group, the
remaining two groups of samples were loaded with a mechanical testing device
designed to clamp the abdominal aorta up to a well-defined force. A stepper
motor linear actuator (The Digit, Ultra Motion, resolution of 1µm per step) was
equipped with two grasper arms and a strain gauge-based force measurement
system (noise level of 0.03 N). The device is shown in figure 4.1. The motor was
programmed to close the grasper arms up to a certain predefinable clamping
force. Programming and data-acquisition were performed with Labview and an
SC2345 DAQ-card (National Instruments).

During gradual increase of the clamping force, a clear transition point can be
noticed at the moment of total vessel occlusion. At this point, further referred to
as the minimal occlusion force (MOF), the distinct oscillation of the measured
clamping force due to arterial pulsation disappears, as shown in figure 4.2.
In a series of preliminary tests, the clamping force signals of 8 different rats
were analyzed to determine an average MOF of 0.30 N ±0.06 N. Dividing this
force by the clamped surface (A = π.r.w = 31 mm2, with r = 2 mm being the
outer radius of the artery and w = 5 mm the width of the clamp), yields an
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Figure 4.1: Custom made clamping device that can apply a controlled force on
the artery. The circle indicates the location of the artery, the axis of which lies
perpendicular to the picture.

approximation of the pressure applied on the tissue of 9.5 kPa or 72 mmHg.
This pressure roughly matches the systolic blood pressure of an anesthetized
rat, which is the main force the clamp must overcome during occlusion.

Two force levels of the clamping device were chosen for this experiment. 0.5 N
was taken as a lower limit, being the MOF with a safety factor of 1.4. For the
average surface calculated above, this approximately corresponds to a pressure
on the tissue of 121 mmHg. The upper limit was set to the tenfold, 5 N, or
1210 mmHg.

In practice, the diameter of each artery will slightly differ and the wall thickness
will not be completely homogeneous. Therefore, the pressure will not be entirely
evenly distributed.

4.2.3 Functional testing device

After excision, a total of 34 samples were mounted in two custom-designed water-
jacketed organ chambers as shown in figure 4.3. Two rods slide into the lumen of
the sample, one rod is connected to the base of the setup, the other to a load cell
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(HSE-Harvard Isometric Force transducer F30, noise level of 20µN) suspended
above the setup, so that isometric tension can be recorded. The sample is
immersed in a KREB’s solution (with final concentration [in mmol/liter] NaCl,
118.3; KCl, 4.7; MgSO4, 1.2; KH2PO4,1.2; CaCl2, 2.5; NaHCO3, 25.0; glucose,
11.1, and Na2Ca-EDTA 0.026) at 37 ◦C and continuously gassed with a mixture
of 95% oxygen and 5% carbon dioxide.

In a series of preliminary tests, the optimal preload level, i.e. the level at which
a maximal contraction to 40 mmol/liter of KCl occurred, was found to be 0.05
N. After stabilization at this preload level, Phenylephrine (PE) at 10−6M was
added to the solution to induce contraction. PE is a contracting agent that
acts directly on the SMC’s. Next, endothelial viability was tested through
cumulative addition of Acetylcholine (ACh) (10−6, and 10−5M). ACh is an

Figure 4.2: Typical force pattern during occlusion of the abdominal artery. The artery
is closed once the oscillations due to the blood pressure have stopped.

Force 
cell

O2 / CO2

Figure 4.3: Custom made func-
tional testing device. Two rods
slide into the lumen of the sample,
one rod is connected to the base
of the setup, the other to a load
cell suspended above the setup,
so that isometric tension can be
recorded. The sample is immersed
in water-jacketed organ chamber
filled with a KREB’s solution and
continuously gassed with a mixture
of 95% oxygen and 5% carbon
dioxide.
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endothelium-dependent vasodilator as it requires an intact endothelial layer to
induce the release of nitric oxide (NO), which will in turn diffuse to the SMC’s
where it will induce relaxation [19], [4]. Absolute values of relaxation ((2) + (3)
in figure 4.4) as well as the percentage of relaxation relative to the amount of
contraction ( (2)+(3)

(1) in figure 4.4) was recorded. This process of contraction
and relaxation was repeated twice, with intermediate rinsing. Per sample, the
average of both tests was used.

In a third test, preconstriction was again established by adding 10−6M of PE,
followed by addition of sodium nitroprusside (SNP) (10−6M). SNP induces
an endothelium-independent relaxation so consequently an adequate level of
SNP-induced relaxation will indicate intactness of the smooth muscle cells
(SMC) [4]. Absolute values of relaxation ((5) in figure 4.5) were recorded and
the percentage of relaxation relative to the amount of contraction ( (5)

(4) in figure
4.5) was calculated.

Figure 4.4: Typical signal acquired during an endothelial integrity test. A: start at
preload, B: adding PE 10−6M, C: adding ACh 10−6M, D: adding ACh 10−5M, E:
end. Parameters used for evaluation are the absolute values of relaxation (2) + (3),
and the relative values of relaxation (2)+(3)

(1) . In this example, the reactions of the
Mosquito-sample (solid line), are clearly less than the reactions of the zero load sample
(dashed line).
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Figure 4.5: Typical signal acquired during an SMC integrity test. A: start at preload,
B: adding PE 10−6M, C: adding SNP 10−6M, D: end. Parameters used for evaluation
are the absolute values of relaxation (5), and the relative values of relaxation (5)

(4) . In
this example, the reactions of the Mosquito-sample (solid line), are clearly less than
the reactions of the zero load sample (dashed line), however, relatively, the reactions
are the same as both (4) and (5) are directly related to the amount of intact SMC’s.

4.2.4 Histology

Besides functional testing in the myograph after clamping, another set of samples
were evaluated histologically. Six segments of each loading group were fixed in
a 4 % paraformaldehyde (PFA) solution and embedded in paraffin. Semiserial
5 µm slices were prepared from each sample and stained with Hematoxylin
and Eosine (H&E). Damage to the elastic fibres was assessed under fluorescent
light using the strong autofluorescence of these fibres. Changes in smooth
muscle and endothelial cells were visualized under transmitted light used
together with fluorescent light. The latter combination is further referred
to as transfluorescence. The samples were examined on an Axioplan light
microscope (ZEISS, JENA, Germany).

An endothelial cell count was performed manually on the H&E samples. Of
three segments of each loading group, cells were counted in the intimal layer of
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the aortic ring at nine different locations in the segment, resulting in 27 values
per loading group. The counts were normalized over the circumference of the
aortic ring.

4.2.5 Data analysis and statistics

All data was acquired and analyzed within Labview 8.5 and Matlab 7.1. Non-
parametric Mann-Whitney-U tests were performed within STATISTICA. A p
value < 0.05 was considered to be significant.

4.3 Results

4.3.1 Functionality

In total, 8 segments clamped at 0.5 N, 6 segments at 5 N, 6 segments clamped
with a mosquito clamp and 14 zero load control segments were tested in the
functional setup. Figure 4.6 shows boxplots of the results of the endothelial
integrity test. The total amount of relaxation due to ACh ((2) + (3) in fig. 4.4)
drops for all loaded groups with respect to the zero load control group. For the
group of samples clamped with the mosquito clamp and the group clamped with
the device at 5 N, this drop is statistically significant (p = 0.020 and p = 0.023,
respectively). The amount of relaxation due to ACh relative to the amount of
contraction due to PE ( (2)+(3)

(1) in fig. 4.4) is again lower for all clamped groups
with respect to the zero load control group. This time the difference for the
mosquito-group and the 5N-group is marginally significant (p = 0.065 and p =
0.053, respectively).

Figure 4.7 shows boxplots of the results of the SMC integrity test. Total
relaxation due to SNP ((5) in fig. 4.5) is significantly lower for the mosquito-
group and for the 5N-group compared to the zero load control group (p = 0.005
and 0.003), but also significantly lower compared to the group clamped at 0.5 N
(p = 0.020 and 0.020). There was no significant difference between the zero load
control group and the 0.5N-group.

The amount of relaxation due to SNP relative to the amount of contraction
due to PE ( (5)

(4) in fig. 4.5) showed no significant differences between any of the
groups.
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Figure 4.6: Boxplots of the endothelial integrity test. The left figure shows the total
amount of relaxation due to ACh, the right shows the relative amount (see fig. 4.4 for
explanation of the numbers).
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Figure 4.7: Boxplots of the SMC integrity test. The left figure shows the total
amount of relaxation due to SNP, the right shows the relative amount (see fig. 4.5,
for explanation of the numbers).
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4.3.2 Histology

H&E stainings were evaluated qualitatively by an experienced pathologist (E.V.).
Figure 4.8 shows details of transfluorescence images of four samples, one of each
loading group. Zero load control segments showed intact elastic lamellae in the
tunica media, in a normal continuous and wavy pattern. In the tunica intima,
a continuous line of endothelial cell nuclei are observed.

Samples that had been clamped with a mosquito clamp showed regions of
fragmentation of the elastic lamellae. The wavy pattern of the lamellae was
much less distinct, as they were flattened and crushed together. In the two
diametrically opposed edges of where the clamp compresses the artery, stretching
and, in some cases, even rupture of the lamellae is observed, as can be seen in
figure 4.9. Clear endothelial denudation (absence of cell nuclei) is noticed in
the tunica intima.

Samples that were clamped at 5 N with the device also showed flattening of the
elastic laminae and stretching at the edges, but no fragmentation was noticed.
Again, clear endothelial denudation is noticed in the tunica intima.

Samples clamped at 0.5 N show two distinct zones. In the largest zone, the wavy
pattern of the elastic lamellae in the tunica media was retained, as well as an
amount of endothelial cells in the tunica intima. In the smaller zone surrounding
the two diametrically opposed edges, the lamellae were more stretched and
there was endothelial denudation. The detail in figure 4.8B shows the transition
between the more damaged and the healthy zone.

The results of the endothelial cell count are plotted in figure 4.10. Significant
differences (p < 0.05) were found between all groups and no significant
interdependence was detected between region of the cell count (at the sides or
in the middle of a segment) and the animal from which the sample originated.

4.4 Discussion

The aim of this paper was to develop a methodology to define damage thresholds
for arterial clamping. In rat abdominal aorta experiments, high loading levels
(5 N), were compared with low loading levels (0.5 N) and zero load control
samples, as well as with samples clamped with a mosquito clamp. Samples were
evaluated functionally and histologically.
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Figure 4.8: Transfluorescence images of 4 samples. (A) = zero load, (B) = 0.5N, (C)
= 5N, (D) = mosquito. See text for further interpretation.

Figure 4.9: Detail of an H&E-stained sample crushed with a mosquito clamp.
Stretching of the fibres is noticed at the edge.
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Figure 4.10: Boxplot of the endothelial cell count.

The results of the endothelial integrity test show that endothelial damage occurs
at all loading levels. This is confirmed by the histological results, as significantly
less endothelial cells can be found on the samples loaded at 5 N and with a
mosquito clamp. Histological results also show that still more endothelial cells
are present in the 0.5 N-group. This group also performs better than the other
in the endothelial integrity test. Even though the latter is not statistically
significant for the amount of tests performed, these results strengthen the
hypothesis that endothelial damage is less for lower clamping levels. More
experiments at the same and at different intermediate loading levels should be
performed to determine the exact correlation coefficient between loading level
and endothelial loss.

The results of the SMC integrity test show that damage to the SMC’s occurs
in a higher degree for the 5 N-group and the mosquito-group compared to the
0.5 N-group and the zero load control group. The 0.5 N-group performs very
similar to the zero load control group. In the histological data, flattening of the
internal elastic lamina occurs mostly in the 5 N-group and the mosquito-group.
Although not directly visible on the histological slices, the authors hypothesize
that laminal flattening is an indicator of compression of the interjacent SMC’s,
which explains the results of the SMC-integrity test.

In the SMC-test, the degree of relaxation relative to the amount of contraction
( (5)

(4) in fig. 4.5) showed no statistical differences between any of the groups.
This can be explained by the fact that PE and SNP both act directly on the
SMC’s, which logically entails that reaction levels of both tests are equally
dependent on the amount of intact SMC’s. Therefore, the fraction of both
should be approximately constant, as was the case.
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Figure 4.11: Typical mosquito clamp.

The reactions in the endothelial- and SMC-integrity test of the 5 N-group is
very similar to that of the mosquito-group. Histology however shows more
damage in the latter group, with significantly less endothelial cells, interruptions
of the elastic lamina and, in some cases, the appearance of RBC’s, indicating
inflammation. This can be explained by the difference in surface texture between
a mosquito clamp and the experimental clamping device. A mosquito clamp
has a rough surface, causing stress concentrations on the tissue, which will lead
to zones of high damage, and zones of low damage.

As stated in the introduction, it is not possible to define the exact loading
applied by a mosquito clamp, as it is highly dependent on the position of the
tissue in the clamps, the texture of the clamp surface and the thickness of the
clamped tissue. To illustrate this, the stiffness of a typical 14 cm mosquito
clamp can be roughly calculated by approximating the distal levers of the clamp
by cantilever beams with a length (L) of 35 mm, a width (w) of 3 mm and a
height (h) of 2 mm (see fig. 4.11). The stiffness with respect to bending can
then be calculated as k = Ewt3

4L3 ' 27 kN/m [12], with E being the Young’s
modulus of stainless steel, 190 GPa. Following Hooke’s law, a difference in
thickness (∆x) of the clamped tissue of merely 50 µm will thus already cause a
loading difference of F = k.∆x ' 1.3 N. An inequality in the height of the ribs
of the clamp or a slight variation of the Young’s modulus will have a similar
effect. Moreover, the ribbed surface of the clamp will cause areas of stress
concentrations that can again not be identified in a reliable way. In this study,
the mosquito clamp has been used a control, because in surgical practice it is
commonly known to cause vascular damage.
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4.5 Conclusions and future work

In summary, the results show that clamping an artery at a loading level close
to the MOF will avoid damage to the medial layer. However, a certain degree
of endothelial damage will still be present. Clamping at much higher loads,
but with a smooth surface will cause less damage to the elastic lamellae and
no visible inflammation reaction, when comparing it to a mosquito clamp, but
the functional results are similar. These findings are based on the immediate
evaluation after tissue loading. In reality, tissue will be allowed to recover
after surgery. In the first period after clamping inflammation reactions might
even worsen damage evaluation results, after which results will improve if no
irreversible damage occurred. Another parameter not yet taken into account
is the duration of the clamping. Depending on the type of surgical maneuver,
clamping can last up to 30 minutes. This study has only evaluated clamping
for 120 seconds. More experiments with different clamping durations, different
speed of clamping and different periods of recovery should be performed to
obtain the correlation between loading levels, loading duration, loading rate and
speed of recovery. Patient-specificity is another factor that should be explored
in the future as factors such as age and disease will significantly alter mechanical
properties [25] and thus the damage thresholds.

Loading levels in this study have been expressed in force (N) applied by
the clamping device. These values can be correlated with the average stress
distribution over the tissue. However, the force applied by the device is not
evenly distributed over the sample. For example, as can be seen in figure 4.9,
the edges of the clamped tissue will be subjected to tension. In the case of
a rough clamping surface, areas of stress concentration will occur at sharp
edges. Therefore, finite element modelling is required to estimate the pressure
distribution. Gasser et al. [9] have published the first results in this area. In
their study however, clamping was only modelled until right before self-contact
of the artery, so actual occlusion was not incorporated.

The article proves the feasibility of correlating mechanical loading to damage. In
future research, these experiments will first be repeated with diseased (JCR:LA-
cp - cp/cp) rats that display atherosclerosis [24]. Next the experiments will
be performed on larger animals with a cardiovascular system similar to that
of the human (e.g. sheep). Finally, through extrapolation of mechanical and
physiological properties, the results of these experiments can be translated
towards thresholds for human tissue.
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Abstract

Soft tissue modelling has gained a great deal of importance, for a large part due
to its application in surgical training simulators for minimally invasive surgery.
This article provides a structured overview of different continuum-mechanical
models that have been developed over the years. It aims at facilitating model
choice for specific soft tissue modelling applications. According to the complexity
of the model, different features of soft biological tissue will be incorporated, i.e.
nonlinearity, viscoelasticity, anisotropy, heterogeneity and finally, tissue damage
during deformation. A brief summary of experimental methods for material
characterization and an introduction to methods for geometric modelling are
also provided.

The overview is non-exhaustive, focusing on the most important general models
and models with specific biological applications. A trade-off in complexity
must be made for enabling real-time simulation, but still maintaining realistic
representation of the organ deformation. Depending on the organ and tissue
types, different models with emphasis on certain features will prove to be more
appropriate, meaning the optimal model choice is organ and tissue dependent.

Keywords

Soft tissue, constitutive modelling, continuum mechanics, virtual surgery,
surgical robotics
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5.1 Introduction

An important evolution in the field of surgery has been the arrival of minimally
invasive surgery (MIS) in the operating room. Due to minimal access with
laparoscopic tools through small incision ports, patient trauma is significantly
reduced. On the other hand, the dexterity of the surgeon is compromised,
lengthening the learning curve of this operating technique as well as the duration
of the operation.

Surgical training through simulation (virtual surgery) as well as enhanced
intra-operative safety through tissue overload prevention with surgical robotics,
are two methods by which the above mentioned difficulties can be alleviated.
Especially the first method has been widely investigated, which explains the
numerous amount of research conducted in the field of surgical simulation for
virtual trainers. Although there are a number of other applications for soft tissue
modelling, such as the study of internal stress distribution [14], implantation
simulations in order to develop better devices [37, 60], computer simulation of
surgical procedures [69, 63], etc., this article has been written in the view of
the above two applications of virtual surgery and surgical robotics. Both of
these methods require realistic modelling of soft tissues in an intra-operative
situation.

As stated, surgical quality can be improved not only by means of training, but
also by intra-operatively augmenting the surgeon’s capabilities and providing
extra information with surgical robotics. Real-time monitoring of the forces
exerted on an organ due to manipulation by a surgical instrument during an
operation, would allow the determination of local tissue stress. In this way, when
damage thresholds for tissue stress are known, safety margins can be imposed
upon the instrument to avoid irreparable tissue damage. Some preliminary
research has been conducted on the quantification of tissue damage [19], and
on force limitation of surgical instruments in robotic MIS surgery [57]. Further
research on the topic is ongoing at our department.

An important issue for realistic modelling of the intra-operative situation
is the proper representation of the manipulated tissues. This implies the
characterization of the in vivo mechanical properties of the tissue and
subsequently implementing these properties in a mathematical model of the
organ in question. This paper provides an overview of different approaches that
have been undertaken to solve the problem. Emphasis lies on the mathematical
models rather than on the computer methods to implement them.

There are three categories of deformation models: heuristic models, continuum-
mechanical models and hybrid models. The first category encompasses rather
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straightforward geometry-based models such as deformable splines, the mass-
spring-damper-model, linked volumes and the mass-tensor model. They are
also known as lumped models. These methods will not be discussed elaborately
due to their limited physical realism, even though some of them are still used
quite frequently for surgery simulation because of their computational simplicity
[29, 66, 16, 85, 18, 25].

The second category is an entirely different approach to the issue of deformable
models. The models are based directly on the laws of continuum mechanics.
Solving these laws analytically proves impossible, requiring the use of a numerical
solution scheme, with the two most common approaches being finite element
methods and boundary element methods [66]. As explained further on, the
latter approach is not suitable for non-linear materials.

The last category is in fact a combination of the two approaches presented
above. In most cases, the desired model of an organ can be divided into an
operational and a non operational region, where the latter requires less accuracy
than the former, allowing a computationally less expensive method. The non
operational area can use a fast surface heuristic model, whereas the operational
area can be based on a nonlinear continuum-mechanics law, thus providing
accurate deformation information and force feedback.

Although present commercial surgical simulators are based on the heuristic
approach, this article will focus on the continuum-mechanics approach, because
this method provides higher fidelity and forms the basis of the computationally
less expensive hybrid methods. More realistic and physically based models for
laparoscopic trainers will improve training quality. Trainees might master a
virtual procedure, but this will have little effect on intra-operative skills if the
scenario is not clinically relevant enough. More research groups are thus turning
their focus to this approach for surgical simulators [6, 18, 24]. Also the method
of enhanced intra-operative safety mentioned above requires modelling to be as
realistic as possible.

In paragraph 2, different models for soft tissue deformations of varying
complexity and accuracy are discussed. Starting with the standard linear
Hookean model, different features such as nonlinearity and viscoelasticity are
included step by step. In the paragraph 3, a brief overview of experimental
data-fitting to these models and subsequent numerical modelling for the actual
simulation is given, followed by a discussion and some concluding remarks in
paragraph 4.
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5.2 Soft tissue constitutive models

5.2.1 Introduction

Computation of realistic surgical tool-tissue interaction forces and organ defor-
mation through the continuum-mechanics approach first requires clarification
of physical laws governing the behaviour of soft tissues. This entails particular
challenges due to the complex mechanical behaviour of these tissues. Soft
biological tissues exhibit highly non-linear stress-strain relationships, pronounced
mechanical anisotropy, large deformations, heterogeneity and viscoelasticity,
[26] which rules out the use of simple material models if a realistic simulation
is desired. Moreover, manipulations which are to be simulated usually span a
large range of strains applied to the tissue.

This paragraph describes constitutive equations, equations relating the tissue
stress to the tissue strain, established in the context of a hyperelastic
material, whereby stresses are derived from a strain energy density function.
Hyperelasticity also constitutes the basis for more complex material models
including phenomena such as viscoelasticity and tissue damage [5]. Table 2
presents a schematic overview of the described models.

5.2.2 Hyperelasticity

Strain Energy Density Function (SEDF)

The overall mechanical behaviour of materials results from their internal
constitution, which can be described by continuum-based constitutive relations.
Their development for soft biological tissues has been an area of active research
for several decades [27]. In literature, numerous amounts of constitutive relations
have been suggested, ranging from the simplest Hookean law to very complex
mathematical expressions.

A very common method to describe material behaviour is by means of a strain
energy density function. The function relates the energy stored in an elastic
material to the nine strain components, thus defining a constitutive relation
between stress and strain [30].
Imagine a deformable body undergoing a deformation characterized by the
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deformation gradient F, i.e., the gradient of the deformation map ~ϕ with respect
to the undeformed position X:

F = ∇X~ϕ (5.1)

Let Ψ be the strain energy per unit volume of the tissue. A material is called
hyperelastic when such a SEDF (Ψ) exists, from which the stress components
can be derived:

E = 1
2(FTF− I) = 1

2(∇U +∇UT +∇UT∇U) (5.2)

S = ∂Ψ
∂E (5.3)

σ = J−1FSFT (5.4)

In (1), (2) and (3), E is the Green strain tensor, U = x−X is the displacement
vector, I is the identity tensor, S is the second Piola-Kirchhoff stress, J is
the determinant of F and σ is the Cauchy stress tensor. Depending on the
complexity of the strain energy function Ψ, different features such as nonlinearity
and anisotropy can be included into the model.

Linear elasticity

Despite its limitations, many tissue models in current surgical simulators are
based on the linear elastic theory due to its straightforward implementation. A
linear elastic material assumes a linear relationship between stress and strain.
The linear elastic model uses the linearized Green-St Venant strain tensor
instead of equation (5.2),

Elin = 1
2(∇U +∇UT ) (5.5)

Hooke’s law defines the elastic energy of a generalized linear elastic deformable
object as a quadratic function of the displacement vector [81]:

Ψlin = λ

2 (trElin)2 + µ(trE2
lin), (5.6)
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with λ and µ the Lamé-coefficients characterizing the material stiffness. The
second Piola-Kirchhoff stress tensor is then derived as:

S = λ(trElin)I + 2µElin. (5.7)

The constitutive equation relating S to Elin is:

Sij = DijklElin,kl, (5.8)

where Dijkl or D is a fourth order tensor with 81 elastic constants, reducing to
21 constants (for anisotropic materials) because of the symmetry of the strain
tensor, the stress tensor and D. Comparison of equation (5.7) and (5.8) yields
the expression for the elasticity tensor D [5]:

Dijkl = λδijδkl + 2µδikδjl. (5.9)

In the one-dimensional case, equation (5.8) simplifies to σ = Eε , σ being the
Cauchy stress, ε the 1D engineering strain and E the Young’s modulus of the
material.

The physical behaviour of soft tissue can only be considered as linear elastic
in the case of small displacement and deformation [81]. This is obviously not
the case in most surgical applications, limiting the realism of this approach.
Moreover, the linear model is not invariant with respect to rotations, meaning
the elastic energy will erroneously increase due to a rigid body rotation [81].

Still, due to its relatively straightforward expressions, this model has been used
in several applications [6, 28, 13, 18, 99, 102, 41, 2, 42]. For example, Wuyts
et al. [107] developed a model of the human aorta, modelling the different
components of the material (elastin, collagen and smooth muscle) as linear
elastic. Xie et al. [108] also modelled a circumferential strip of a rat artery
using a linear stress-strain relationship. Johnson and Tarbell [46] created a
biphasic (cfr. paragraph 2.5) model of the bovine and rabbit aorta, modelling
the aortic wall as a linear elastic material. Armentano et al. [2] used a linear
elastic equation to model data collected from the arterial wall tissue of conscious
dogs. Tie Hu [41, 42] worked with a local effective elastic modulus in his PhD
research on soft tissue probing. Chabanas et al. [13] compared the linear elastic
model with a hyper-elastic Mooney-Rivlin model (cfr. next section) in the study
of facial tissue deformation modelling. Like others, his conclusion confirms
the advantage of computational simplicity but also the limited realism when
tissues undergo large deformations. Misra et al. quantitatively compared linear
and nonlinear elasticity based models and demonstrated that force feedback is
noticeably different and less realistic for linear models [70]. Nonlinear theories
are needed to describe this behaviour more realistically.
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Nonlinear elasticity

To allow realistic results for large deformations the model must derive from
a strain tensor which is a quadratic function of the deformation gradient [5],
as in equation (5.2). The simplest hyperelastic model of the kind is the St.
Venant-Kirchhoff elasticity, which is a generalization of the linear model for
large displacements. The energy equation is identical to equation (5.6), except
that now the complete Green strain tensor (5.2) is used. This model has been
used by Picinbono et al., comparing it with the linear model and leads to much
more realistic deformations than in the linear case [81].

In the past few years, several attempts have been made to model nonlinear
large deformation of soft tissue, e.g. [42, 32]. Several strain energy functions
for nonlinear material behaviour have been formulated. These functions derive
from earlier research made in the field of rubber-like materials, describing the
nonlinear ‘rubber elasticity’ which is often observed in polymers [31]. Cross-
linked polymers will act in a nonlinear way because initially the polymer chains
can move relative to each other when a stress is applied. However, at a certain
point the polymer chains will be stretched to the maximum point that the
covalent cross links will allow, and this will cause a dramatic increase in the
elastic modulus of the material [40]. This effect is called strain-hardening.

Power law models Nonlinear strain SEDF’s can be categorized into two main
families, the power law models and the limited-chain extensibility models [39, 40].
One SEDF of the first family taking the strain-hardening effect into account is
that due to Ogden [91]. It has been widely used in rubber-like tissue modelling,
but only rarely in its original form for biological tissue modelling [105]. It is
written in terms of the principal material stretch ratios λi as:

Ψ =
N∑
i=1

µi
a2
i

(λai1 + λai2 + λai3 − 3), (5.10)

with µi and ai material parameters which should be experimentally defined. Two
classic forms of the nonlinear strain energy density function, the neo-Hookean
model and the Mooney-Rivlin model, can in fact be derived from this Ogden
model. In the case of incompressibility, the strain energy density function of a
neo-Hookean solid is defined as:

Ψ(C) = 1
2µ(trC− 3), (5.11)
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where µ is a material parameter and C is the right Cauchy-Green deformation
tensor C = FTF , with the following invariants:

I1 = trC = λ2
1 + λ2

2 + λ2
3

I2 = C : C = λ1λ2 + λ1λ3 + λ2λ3 (5.12)

I3 = det C = λ2
1λ

2
2λ

2
3

Form (5.11) can be obtained from the Ogden model by setting N = 1 and a1 = 2
in (5.10). This neo-Hookean model has been used for example by Gasser et al.
to model the non-collagenous ground matrix of arterial tissue [27]. Holzapfel
and Weiszacker [38] used a neo-Hookean SEDF to model the isotropic behaviour
of rat abdominal aorta.

The other classic power law form for the SEDF of incompressible rubbers
attributable to Mooney and Rivlin is expressed as [104], [22]:

Ψ = µ1

2 (I1 − 3) + µ2

2 (I2 − 3). (5.13)

This last form is a derivative of the Ogden expression for N = 2, a1 = 2 and
a2 = −2. Miller et al. used this polynomial form in the modelling of swine
brain tissue and liver and kidney [67]. He also used time-dependent coefficients
to incorporate the history dependence of soft tissue behaviour. This will be
discussed in paragraph 2.3. Next, he compared the neo-Hookean model (5.11)
to an example of a Mooney-Rivlin model (extreme Mooney material, µ1 = 0):
Ψ = µ2

2 (I1 − 3) [68].
His conclusion was that the deformed shape of a cylindrical brain tissue sample
subjected to uniaxial compression is independent on the form of constitutive
law.

As mentioned, the three SEDF’s for nonlinear material behaviour presented
above can be classified as power law models [40]. The prototype SEDF for
materials belonging to this family was proposed by Knowles for rubber-like
materials (but not specifically for biological tissue) in 1977 [56]:

Ψ = µ

2b [(1 + b

n
(I1 − 3))n − 1], (5.14)

with b and n material parameters. The material modelled is hardening in simple
shear if n > 1. A very important and widely used variant of this model is
obtained upon letting n→∞ in (5.14). The result is:

Ψ = µ

2b [exp(b(I1 − 3))− 1], (5.15)
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which was introduced by Fung in 1967 [26] and is more commonly written in
the following form:

Ψ = c

2 [eQ − 1], (5.16)

with,

Q = A1E
2
11 +A2E

2
22 + 2A3E11E22 +A4E

2
12 + 2A5E12E11 + 2A6E12E22.

The Fung model is a widely used and cited model for soft biological tissues and
can be considered as the basis for other, analogue or more complex soft tissue
models. Showing this below is a non-exhaustive list of very similar soft tissue
models based on the Fung model, but which have been developed independently
in various research groups for specific applications:

• The exponential Blatz model [55, 23, 26]:

Ψ = C[eα(λ2
i−1)], (5.17)

has been applied among others to the rabbit’s mesentery, pig kidney and
the pig liver.

• The Brouwer model [7] curvefits tissue extension datasets of porcine
abdominal tissue to the function αeβλ.

• Choi and Vito’s exponential SEDF [15]:

Ψ = b0[exp(b1E2
11) + exp(b2E2

22) + exp(2b3E11E22)− 3]. (5.18)

They used this model for canine pericardium biaxial testing data, and
extended the concept to the multi-axial testing of blood vessels.

• Vorp et al. [100] used a polynomial SEDF with 7 unknown parameters
to model the artery, solving the equation using an iterative FEM and a
nonlinear regression procedure.

• Hokanson and Yazdani developed a model for anisotropic damage, using
a four-term power law SEDF for the overall model [31].
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• Delfino et al. proposed an isotropic rubber-like exponential SEDF [20].
An exponential form has also been used by Gasser et al. to model collagen
fibres of arterial tissue [27].

• Kauer et al. used a similar formulation to the Mooney-Rivlin model
(attributed to Sussman and Bathe) to characterize the properties of
human uteri, via inverse FE characterization [58]:

Ψ = (
N∑
i=1

µi(I1 − 3)i) + 1
2κ(I3 − 1)2, (5.19)

where µi are material parameters and κ is the bulk modulus of the material.

• Nava et al. used a similar reduced polynomial form [74]:

Ψ =
N∑
i=1

µi(I1 − 3)i, (5.20)

where µi are (time-dependent, see paragraph 2.3 on viscoelasticity)
material coefficients.

• Levinson and Burgess [61] modelled soft tissue as a slightly compressible,
neo-Hookean-like material:

Ψ = µ

2ρ0
[(I1 − 3)− 2(I1/2

3 − 1) + 1
1− 2ν (I1/2

3 − 1)2]. (5.21)

Limited-chain extensibility models Aside from the polynomial family of
nonlinear hyperelastic models another class of models in this category is that
of the limited-chain extensibility models. These are models which impose a
maximum achievable length of the polymeric molecular chains composing the
materials by limiting the value of the first invariant of C. The prototype SEDF
for materials belonging to this family is the Gent model (1996) [40]:

Ψ = −µ2 J ln(1− I1 − 3
J

). (5.22)

Here, the constant J is the limiting value for (I1 − 3). Upon letting J → ∞,
(5.22) becomes the neo-Hookean strain energy (5.11). A model very similar to
the Gent strain energy has been proposed by Takamizawa and Hayashi [93]:

Ψ = −C ln(1−Q), (5.23)
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with,

Q = 1
2c1E

2
RR+ 1

2c2E
2
ΘΘ + 1

2c3E
2
ZZ +c4ERREΘΘ +c5EΘΘEZZ +c6EZZERR,

where c, c1, c2, c3, c4, c5 and c6 are material parameters and ERR, EΘΘ, EZZ
are the components of E in the radial, circumferential and axial directions
respectively. This model has been used in the constitutive modelling of carotid
arteries, which was discussed by Humphrey [43].
Another limited-chain extensibility model is that of Arruda and Boyce (8-chain
model) [62], which has been used for modelling skin and heart tissue. Bischoff
et al. [4] developed an orthotropic eight-chain model based on Arruda and
Boyce’s model to capture nonlinear elastic orthotropic constitutive properties
of soft tissue such as skin and myocardium. In [40], Horgan suggests that it is
also possible to modify the Ogden model to take limited-chain extensibility into
account.

The models described above with constant material parameters already take the
nonlinear behaviour of soft tissues undergoing large deformation into account,
but still disregard the time-dependent phenomena such as relaxation and creep.
The strain energy density function relates the energy stored in a hyperelastic
material, and thus the stress-strain relationship, only to the current nine
strain components. In this way, the inelastic phenomena are neglected [27],
disregarding the deformation history, heat dissipation, stress relaxation etc. For
this, time-dependent, or viscoelastic models are needed.

5.2.3 Viscoelasticity

Hyperelasticity vs. viscoelasticity

A material is called (hyper)elastic when it assumes its original form after removal
of the applied forces. A second condition is that the acquired deformation or
stress pattern is independent of the followed path to obtain this deformation or
stress pattern [5]. In a viscoelastic material, behaviour is time-dependent and
therefore no longer independent of the followed deformation path. The acquired
deformation or stress pattern is history-dependent and a viscoelastic object will
not immediately resume its original form after removal of the applied forces.
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Linear vs. nonlinear viscoelasticity

Besides a nonlinear stress-strain relationship, Fung [26, 86] also identified a
hysteresis loop in cyclic loading and unloading, stress relaxation at constant
strain and preconditioning in repeated cycles. These phenomena cannot be
accounted for without including viscoelasticity.

Bischoff et al. [4] classified the underlying mechanisms for viscoelasticity into
three areas. The first is the substantial flow of fluid through the fibrous network
during deformation; the second is the presence of transient network connections
between protein and sugar molecules and the collagen network, that break off
during deformation but might reappear upon removal of the load; the third is
the inherent time-dependent behaviour of tissue components such as collagen
and elastin. This paragraph describes modelling of viscoelasticity as a global
tissue phenomenon. In the paragraph of heterogeneity (paragraph 2.5), models
are described which take some or all of the above phenomena into account
separately.

Linear models The most common models for linear viscoelasticity are the
linear combinations of springs and dashpots, such as the Maxwell-model, the
Voigt-model and the Kelvin-model. Generalization of these models leads to the
Boltzmann integral:

σij(x, t) =
∫ t

−∞
Gijkl(x, t− τ)∂εkl

∂τ
(x, t)dτ, (5.24)

where σ and ε are the stress and strain tensors, which are functions of space, x,
and time, t. Gijkl is the tensorial relaxation function [26, 44, 84]. If the motion
starts at time t = 0, and σij = εij = 0 for t < 0, then the equation reduces to:

σij(x, t) = εkl(x, 0+)Gijkl(x, t) +
∫ t

0
Gijkl(x, t− τ)∂εkl

∂τ
(x, t)dτ. (5.25)

Here, it is clear that the function 5.25 is separable into a relaxation response and
load response. This is only the case for linear viscoelastic materials, which are
not applicable in general due to the inherent nonlinear behaviour exhibited by
most soft tissues. Kerdok et al. used a Voigt model to capture small-deformation
viscoelastic behaviour of pig liver with the tissue indenter TeMPeST (Tissue
Material Property Sampling Tool) [52]. This first order model showed poor
agreement to the experimental creep results. This and other examples show
that a nonlinear viscoelastic model is needed.
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Nonlinear models A nonlinear theory of the Kelvin type was proposed by
Viidik on the basis of a sequence of springs of different natural length, with the
number of participating springs increasing with increasing strain [97]. The most
common and widely used one-dimensional nonlinear viscoelastic model is the
quasi-linear viscoelastic model (QLV-model) of Fung [26, 84, 21]. It accounts for
elastic nonlinearity of the stress-strain behaviour by factorizing the relaxation
function G(x, t) into a function of time and a function of strain:

G(t, ε) = Gt(t)σ(e)(ε), Gt(0) = 1, (5.26)

with Gt the reduced relaxation function and σ(e) the instantaneous stress
response in one dimension.

Implementing this into the Boltzmann equation yields:

σ(ε, t) =
∫ t

−∞
Gt(t− τ)∂σ

(e)(ε)
∂ε

dε(τ). (5.27)

Equation 5.27 can be rewritten as:

σ(t) = σ(e)(ε(t)) +
∫ t

−∞
σ(e)[ε(t− τ)]∂Gt(τ)

∂t
dτ, (5.28)

showing that the tensile stress at any time t is equal to the instantaneous
stress response σ(e) decreased by an amount depending on the history of the
deformation ( ∂Gt(τ)/∂τ is generally a negative value).

After defining this separation into a time dependent (Gt) and a strain dependent
(σ(e)) function, the next step is developing appropriate expressions for these
functions. For the elastic response (σ(e)) the stress component following from
equation (2) via SEDF’s derived in the previous section are all valid possibilities.
Also, a number of different reduced relaxation functions have been defined:

• Fung uses a sum of exponential functions for the reduced relaxation
function:

Gt(t) =
∑
Cie
−νit∑
Ci

, (5.29)

where the νi are rate relaxation constants.
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• For the Kelvin model the 1D relaxation function of time can be written
as:

Gt(t) = ER[1 + (τσ
τε
− 1)e−t/τε ]1(t), (5.30)

where 1(t) is a unit step function, τσ is the time constant for creep at
constant stress, τε is the time constant for relaxation at constant strain,
and ER is the residual, i.e. the fraction of the elastic response that is left
in the specimen after long relaxation.

• Toms et al. proposed the following function and used it for describing the
mechanical behaviour of the periodontal ligament [95]:

Gt(t) = ae−bt + ce−dt + ge−ht, (5.31)

where a, b, c, d, g, h are all constants to be determined experimentally.

• Drapaca et al. [21] uses a box-shaped spectrum as a tissue frequency
response which leads to the following formula in the time domain:

Gt(t) =
1 + c[Ei( t

τ2
)− Ei( t

τ1
)]

1 + c ln( τ2τ1 ) , (5.32)

where Ei(x) =
∫∞
x

e−x

x dx is the exponential integral function, the
parameter τ1 governs fast relaxation processes, τ2 governs the slow
processes, and c the amount of viscous effects. This model was used
for predicting the final shape of the ventricular space after implantation
of a cerebrospinal fluid shunt in the human brain.

• Holzapfel uses a neo-Hookean SEDF for the elastic response and a 3D
generalized Maxwell model (a free spring in series with an arbitrary number
of Maxwell bodies that provides a continuous relaxation spectrum) for
the relaxation response of arterial tissue [99, 35, 44]. Thus the following
total strain energy density function is described:

Ψtot = Ψeq +
m∑
α=1

Υα, (5.33)

where Ψeq characterizes the equilibrium state of the viscoelastic solid,
while the second term characterizes the non-equilibrium state, i.e. the
viscoelastic behaviour.
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• A similar approach to the QLV approach of Fung was also taken by
Pioletti and Rakotamanana. Their constitutive equation subdivides the
viscoelastic response in a short term and a long term response and has been
used to identify mechanical tests performed on human patellar tendons
[83].

According to Provenzano [84], the QLV and related models account for elastic
nonlinearity but the time dependence is independent of strain. Therefore, the
QLV theory would predict the same relaxation rate regardless of applied strain
level. A more general formulation is required to account for the strain-dependent
relaxation rate, a behaviour seen for example in ligament.

One possibility is Schapery’s single integral nonlinear theory or Christensen’s
non-linear viscoelastic model described in [96, 84]. Another nonlinear viscoelastic
model taking into account the strain dependence of the relaxation rate is the
modified superposition model of Findley:

σ(ε, t) =
∫ t

0
G(t− τ, ε(t))∂ε(τ)

∂τ
dτ, (5.34)

where the relaxation function is an inseparable strain-dependent power law:

G(ε, t) = σ0tg(ε)n0, (5.35)

with σ0 the initial stress value, n0 an initial relaxation rate and g(ε) a function
accounting for the strain-dependent nonlinearity in the relaxation rate [84]. No
reference so far describes the use of these models in soft biological tissue, but
they have been used for polymers and show potential for modelling ligaments
[84].

Nava et al. [74] takes viscoelasticity into account by making the coefficients of
the SEDF 5.15 time dependent:

µn(t) = µn0[1−
K∑
k=1

gPk (1− e
t
τk )], (5.36)

where µn0 describes the instantaneous elastic response and gPk and τk characterize
the relaxation behaviour. This approach of time-dependent coefficients was also
followed by Miller et al. [67] as was already discussed in paragraph 2.2.

Although necessary for correct representation, modelling the time-dependent
behaviour of soft tissue adds an additional level of analytical and computational
complexity, as it inevitably introduces additional material parameters [4]. As
always, realism and complexity are proportional dimensions [50] and a great
amount of effort is put into simplification of established theories. An important
example in this direction is that of pseudoelasticity.
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Pseudoelasticity

Fung introduced a drastic simplification to reduce his QLV-model to a
pseudoelastic constitutive equation. This reduction is only valid if a tissue can
be preconditioned. This is the process of loading and unloading a tissue sample
a repeated number of times until its stress-strain curve becomes repeatable.
The concept of pseudoelasticity is to treat a preconditioned material as one
hyperelastic material in loading, and another elastic material in unloading. A
number of researchers have followed this approach for soft tissue modelling
[101, 31, 38, 45, 99].

Pseudoelastic models are limited by the neglect of the unloading data [99]. In
realistic loading situations, one part of the material is in loading condition,
whilst simultaneously another is in unloading condition. Additionally, surgeons
obviously do not precondition tissues before operating [8], making this type of
model less realistic for surgical simulation.

5.2.4 Anisotropy

Another important feature of biological soft tissues that has not been discussed
so far is that of anisotropy. Mechanical properties vary according to different
material orientations, especially in biological tissue. This makes one dimensional
modelling following uniaxial testing of materials an incomplete method.
Paragraph 3.1 discusses uniaxial and other, more extensive approaches for
experimental parameter fitting.

Many researchers have made the simplification of defining a 1D formulation
for the constitutive equation [91, 56, 20]. The general neo-Hookean model
and the Gent model, for instance, described in paragraph 2.2, do not include
anisotropy. Regarding equation (5.8) for linear elasticity isotropy means that
the number of constants in the fourth order elastic tensor reduces from 21 to
just 2 (E and ν or λ and µ). A frequently used approximation of anisotropy for
biological tissues is orthotropy [87, 102, 33, 104, 103, 81, 99, 101], where elastic
symmetry is assumed around three perpendicular axes. This means there are
three symmetry planes and the number of elastic coefficients for the elastic
tensor reduces to 9 (Ex, Ey, Ez, νxy, νyz, νzx, Gxy, Gyz, Gzx, with Gij the shear
moduli). Transverse isotropy requires only five constants [44]. The 1-D models
described above can be adapted to incorporate anisotropy, described for the
Gent model for example in [40].

Another means of imposing material anisotropy is by using multiphasic models,
where fibres are bedded in an isotropic matrix. This approach is discussed in
the next paragraph of heterogeneity.
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5.2.5 Heterogeneity

Especially muscle tissue and arterial tissue exhibit strong heterogeneity. Arterial
tissue, for example, consists of three layers, the adventitia, the media and the
intima [33]. Each layer of this wall consists in turn of a number of components
such as muscle cells, elastin and collagen and water, and the distribution of
these elements varies from the inner wall to the outer wall, as well as along
the vascular tree [87]. Moreover, the orientations of elastin and collagen are
load dependent, an observation made by Vito [99], which implies that the
mechanical tissue properties might also change with load. Considering these
types of soft tissue to be homogeneous is therefore too strong a simplification.
Models that take the heterogeneity into account by separately modelling the
different components of the tissue are generally referred to as structural models.
The tissue total strain energy is assumed to be the sum of the strain energy
of the components, provided there is a correct tensor transformation from the
local component coordinates to the global coordinates.

Mow et al. [71] developed a biphasic approach for modelling cartilage with
a solid matrix and an interstitial fluid. Holzapfel et al. [34] dealt with
heterogeneity by means of a fibre-reinforced model. The media and adventitia
are modelled as thick-walled nonlinearly elastic circular cylindrical tubes and is
fibre-reinforced. The fibres correspond to the collagenous component whereby
the fibre-orientations are statistically derived from histological analysis.

A range of constitutive models use the biphasic theory and describe soft tissue as
hydrated material [33]. Simon et al. [90] modelled the aorta as an incompressible
fluid and an isotropic thick-walled solid undergoing axial stretch. Johnson &
Tarbell modelled the wall as a transversely isotropic, linear-elastic material
with an anisotropic axis in the radial direction [46]. Bischoff et al. described
a rheological network model [4], using a nonlinear orthotropic hyperelastic
constitutive model for fibrous tissue and a three-element viscoelastic model
for soft materials. Another example of a structural model for arterial tissue is
that of Wuyts et al. [107], which assumes that collagen fibres are embedded in
concentrically arranged elastin and smooth muscle membranes. Bergström and
Boyce [3] proposed a model in which the material response can be represented
by two interacting macromolecular networks. The previously described Arruda-
Boyce eight-chain model (paragraph 2.2) is used for the first equilibrium network,
which corresponds to the steady-state stress-strain behaviour, and for the second
time-dependent network which incorporates the relaxation effects.

Another way to account for heterogeneity is to model a heterogeneous medium
as a homogeneous medium with representative volume elements (RVE) [59].
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The RVE’s at the microscopic level are modelled heterogeneously, and their
overall constitutive response is implemented in the finite element model at
the macro level [82]. To define the overall constitutive response of the RVE,
a homogenization method is required. First of all, direct finite element
computation at microscale is possible, in which the heterogeneous models
described above can be used. Another, computationally less expensive possibility,
is the use of semi-analytical mean-field homogenization models. A number of
methods exist, such as the Mori-Tanaka method or the double inclusion model
[76]. No literature describing use of this technique for biological material has
been reported to date, but the method can be a useful tool in the modelling of
biological heterogeneous materials such as for instance arterial walls.

5.2.6 Damage models

Most of the models described above still lack one feature: incorporation of
tissue damage during deformation. Models such as Fung’s pseudoelastic model
describe the behaviour of tissue in a preconditioned state with a constant
hysteresis. Such a model is in fact not realistic for surgical simulations, because
the mechanical response of human tissue during surgery corresponds more to a
‘virgin’ state than a preconditioned one.

When external loads are applied to tissue, for example during preconditioning,
microstructural changes cause a reduction in the mechanical strength [73],
changing the hysteresis and other mechanical properties over time. This
phenomenon was first described for elastomers by Mullins as stress softening
and is widely known as the Mullins effect for rubbers [77]. A similar effect is
noticed in soft tissues. Many theories have aimed at modelling this effect by
introducing a damage or stress-softening variable.

Ogden and Roxburg [78] developed a model based on pseudoelasticity where
a pseudo-energy function is described analogous to the ones described above
except that an additional damage variable is incorporated. Marckmann et al.
[64] proposed a chain model in which the chain length varies in accordance to
the previous maximum stretch. The hyperelastic model described by Nava et
al. [74] takes damage effects into account by relating the coefficients of the
hyperelastic SEDF (5.35) to the deformation history:

µn0 = µn0

1 + SV
, (5.37)
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where µn0 are the elastic parameters of the ’virgin’ material and SV is the
softening variable determined by the following equation:

˙SV = β(I1 − 3);SV (t = 0) = 0, (5.38)

with β a material constant.

Hokanson and Yazdani formulated the following strain energy function with
damage for the artery:

Ψ(E, D) = Ψ0E∗(E, D);D ∈ [0, 1], (5.39)

with Ψ0 the undamaged Ogden SEDF, D a damage parameter, E the Green-
Lagrangian strain tensor and E∗ the effective Lagrangian strain tensor which
incorporates a damage function [31]. Perhaps one of the most complete models is
the transversally isotropic elasto-damage constitutive model for the periodontal
ligament and tendons of Natali et al. [72, 73]:

Ψ = gm(Dm)Ψ0
m(I1, I2, I3) + gf (Df )Ψ0

f (I4), (5.40)

with Ψm
0 and Ψf

0 the ‘virgin’ energy function of the matrix material and that of
the fibre components respectively. gm and gf are damage functions depending
on the damage parameters Dm and Df . I4 is a fourth invariant related to
the main fibre orientation. This model takes all the discussed phenomena into
account, and is thus suitable for a large range of biological materials.
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Table 5.1: Overview of the described Strain Energy Density Functions.

Type References
HYPERELASTICITY
Linear Hooke [30]

Nonlinear
Power law models Knowles [56]

Ogden [91]
Neo-Hookean [27]
Mooney-Rivlin [104]
. . .

Limited-chain Gent [40]
extensibility models Takamizawa & Hayashi [93]

Arruda & Boyce [62]
. . .

VISCOELASTICITY
Linear
Differential Maxwell [26]

Voigt [26]
Kelvin [26]

Integral Boltzmann [26]

Non-linear
Strain-independent Quasi-linear viscoelastic model (Fung) [26]

Viidik [97]
Holzapfel [35]
Pioletti & Rakotamanana [83]
. . .

Strain-dependent Schapery’s single integral nonlinear theory [84]
Christensen’s nonlinear viscoelastic model [84]
Findley’s modified superposition model [84]
. . .

Time-dependent Nava [74]
coefficients Miller [67]

. . .

Pseudoelastic Fung [26]
HETEROGENEITY Mow [71]

Simon [90]
Johnson & Tarbell [46]
Bisschoff [4]
Wuyts [107]
Bergström & Boyce [3]
. . .

DAMAGE Ogden & Roxburg [78]
Nava [74]
Marckmann [64]
Hokanson & Yazdani [31]
Natali [72]
. . .
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5.3 Measurement and modelling

5.3.1 Experimental setup

Proper parameter fitting to the constitutive models requires appropriate
experimental setups. Experiments can be categorized into in vivo and ex
vivo. Ex vivo or in vitro measurements are obviously easier to perform and
conditions can be made more repetitive, but material properties have proven
to change after excision from the body [80, 27, 26], making these experiments
less accurate for realistic modelling. In vivo experiments provide more realistic
data, but conditions are less stable and boundary conditions for modelling a lot
more difficult to define. A number of attempts have been made to approximate
in vivo conditions in vitro. For instance, Kerdok et al. studied the effect of
perfusion on the viscoelastic characteristics of liver [52]. Ottensmeyer et al. [80]
showed that the large deformation time responses of perfused liver approach
those of tissues tested in vivo. Without perfusion, results altered far beyond
10%. In another study [51], Kerdok et al. describes a technique for measuring
local internal mechanical properties of perfused solid organs.

The most commonly performed in vitro tests are unconfined compression tests
[67, 105], indentation tests [10, 94, 53, 48], tissue aspiration tests [49, 74, 65,
75], shear tests [47] and uniaxial and multiaxial tensile tests [99, 4, 103, 98].
Due to the presence of mechanical anisotropy, uniaxial data cannot be used
for parameter estimation in generalized 3-D constitutive equations, even if
multidimensional strain data from the uniaxial experiment are available [99],
unless histostructural data including tissue fibre orientation is included [36].
If orthotropy or anisotropy is to be modelled, multi-axial measurements are
required. When attempting to characterize the nonlinear, viscoelastic behaviour,
the ability to induce time-varying loads is critical [9]. Another method for tissue
characterization is that of elastography. The tissue is indented with an ultrasonic
probe and the cross-correlation between the indented and the unindented state
is calculated, resulting in regions of large deformation and small deformation,
which is a measure for local tissue stiffness [89].

A number of methods and devices have been developed for in vivo property
measurement. The university of Washington Biorobotics Lab developed a
motorized endoscopic grasper (MEG) to examine the compressive properties of
porcine abdominal soft tissues [9]. Ottensmeyer et al. designed an instrument
(TeMPeST) for measuring the frequency response, and thus the viscoelastic
properties, of soft tissues [79]. Ottensmeyer et al. also used the motorized
ViscoElastic Soft tissue Property Indenter (VESPI) to capture the large
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deformation viscoelastic nature of porcine liver [80]. A number of other robotic
indenters for in vivo measurement have also been reported [55, 88, 69]. Kauer
et al. described an inverse finite element characterization method using a tissue
aspiration test [49] both in vivo and in vitro. Carter et al. collected in vivo data
from human liver of volunteer patients using a sterile hand-held compliance
probe. Brouwer et al. described a number of methods for measuring in vivo
animal soft tissue properties [7].

5.3.2 Geometric modelling and numerical solution

Virtual models are generally constructed from available datasets such as the
Visible Human Project [1] or the Chinese Visible Human (CVH) [109]. These
generic models are suitable for training purposes. A next step is patient-specific
preoperative training, rendering volumes for simulation from actual patient’s
data [85], such as CT and MRI scans. This allows a surgeon to rehearse a
specific surgical procedure. A future application of patient-specific modelling
can be to intra-operatively calculate local tissue stresses due to forces exerted
by the surgeon. Safety margins for maximal tolerable tissue stress to prevent
unacceptable damage can thus be translated into tool force margins, enhancing
intra-operative safety.

After construction of the volume, segmentation and mesh generation follows
[18]. Then, as forces are exerted by the operator, numerical solution schemes
are required to calculate the deformation according to one of the continuum-
mechanical models described above. The most common numerical solution
schemes are the finite element method and the boundary element method [66].
The drawback of boundary element methods is obviously that only the object
boundary is considered. Internal behaviour, such as non-homogeneous material
properties, is not modelled, unless the object in question is subdivided into
different regions.

Most of the constitutive models described above can be modelled using general
purpose finite element software. Commercial programs such as ABAQUS
simply require implementation of the strain energy density function in the
case of an isotropic material, with some extra information such as the first
and second derivatives of the SEDF with respect to the invariants. Still,
FE implementations have been rather limited so far [91], due to the lack of
appropriate experimental data for formulating the constitutive equations and
validating the numerical simulations. Often, problems concerning solution
convergence have been reported. For a brief overview of finite element modelling
for soft tissues, refer to [41].
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A drawback of FEM is that at least 1500 nodes or roughly 3000 elements are
needed to represent typical organs such as liver or kidney geometrically, which
makes conventional FEM computationally too heavy for real time simulations
[106]. Many attempts have been made to reduce computation time and memory
consumption [106, 29, 18, 54]. One of these methods is the hybrid method,
which divides the organ into an operational and a non-operational region,
and uses computationally less expensive methods, such as lumped parameter
models, for the non-operational region. Kerdok et al. [50] developed a physical
standard for the validation of soft tissue simulation. Comparison of CT-data
and modelling data of the deformation of a special phantom, the ‘truth cube’,
serves as a method for quantifying the accuracy of soft tissue models. This way,
simplifications to the conventional finite element method can be validated.

In this context, the GiPSi (General Interactive Physical Simulation Interface)
framework of Cavusoglu et al. should also be mentioned. This is a framework
for open source/open architecture software development for organ level surgical
simulation as to facilitate shared model development and data sharing among
multiple research groups [11, 12].
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5.4 Discussion

Minimally invasive surgery is often referred to as minimal access surgery, a
subtle difference which emphasizes the fact that the accessibility for the surgeon
is limited, when in fact the same surgical manipulations as in open surgery are
undertaken inside the body. One can argue that even though skin tissue trauma
is significantly reduced, the procedure has the same amount of invasiveness
as open surgery on internal organ level, the difference is that the mobility for
performing the operation has been compromised due to the small incisions.

Minimally invasive surgery provides numerous advantages for the patient, but
requires more practice and dexterity from the surgeon, making adequate training
a crucial factor for success. Virtual training with simulators is a safe and effective
method, considering no animal sacrifice is needed and the amount of practice
sessions available is unlimited. Obviously, the quality of training is enhanced
when the simulator model approaches surgical reality. Soft tissue modelling has
therefore become an important field of research for this application.

Besides training, another way to compensate for the reduced capabilities of
the surgeon during minimally invasive surgery are robotic operating systems,
intra-operatively augmenting the dexterity and visual capacity of the surgeon.
To enhance intra-operative safety, margins for tool forces or tissue strain can be
imposed so that tissue damage remains acceptable. Histologically determined
maximal stress values can be translated to tool forces with the aid of the same
organ models described in this article, this time obviously using actual patient’s
data, collected from preoperative CT and/or MRI images. This topic will be
further investigated at the biomechanics lab of the KU Leuven.

Three different modelling approaches are the heuristic, the continuum-mechanics
and the hybrid methods. Simulators based on heuristic organ modelling may
allow fast computation, but certainly fail to provide realistic visual and haptic
feedback to the trainee. Still, most present surgical simulators are based on
heuristic modelling. Continuum-based approaches provide higher fidelity and
thus better training because they base their models on the actual soft tissue
behaviour, calculating the displacement and forces from constitutive relations.
In most cases, these constitutive relations derive from strain energy density
functions, characteristic for a material type.

Different strain energy density functions have been described over the years for
materials in general, but also specifically for biological soft tissues. Research
has proved that soft tissues do not behave as linear Hookean materials, but
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exhibit pronounced nonlinearity, viscoelasticity, anisotropy, heterogeneity and
changes over time due to material damage.

This article provided an overview of different SEDF’s, some taking only one,
others taking all of these phenomena into account. Nonlinearity can be included
either by defining polynomial SEDF’s or power law models, such as for instance
the Ogden model [91], or by means of limited-chain extensibility models,
which impose a maximum achievable length of the polymeric molecular chains
composing the material, such as for instance the Gent model [40].

Viscoelasticity can be taken into account either by separating the stress function
into a relaxation response (linear or nonlinear) and an immediate load response
(linear or nonlinear), for example Fung’s quasi-linear viscoelastic model [26], or
by making the coefficients of a SEDF time-dependent, as in the model used by
Nava et al. [74]. Yet another, approximative way to model viscoelasticity, is to
treat the material as two different elastic materials in loading and in unloading
state, each state having its own SEDF. This is called pseudoelasticity [26].

In biological tissue, especially in tissues such as arteries or muscle, mechanical
properties vary strongly according to different material orientations. Therefore,
1D models should be adapted to 3D models to incorporate anisotropy, described
in [40] for example for the Gent model. Another way to bring in anisotropy is
the use of multiphasic models, which also covers the property of heterogeneity
of biological tissue. An example hereof is the fibre-reinforced model of Holzapfel
et al. [34].

The last feature described in paragraph 2 is that of damage, which can be
incorporated by relating the coefficients of a SEDF to the deformation history,
as was done by Nava et al. [74]. Another possibility is to multiply a SEDF by
a damage function, an approach taken for instance by Natali et al. [72, 73].

In each function, a number of material parameters need to be experimentally
determined, for which a number of possibilities have been described, in vitro
as well as in vivo. The complexity of the model defines how elaborate the
experiment must be. Multidimensional data and cyclic measurements at a
different frequency will for instance be necessary to capture anisotropy and
viscoelasticity, respectively.

It is difficult to define one model as the best one. Depending on the application
and the type of organ modelled, different models can be more appropriate. For
arterial tissue, for example, anisotropy and heterogeneity are very important
features, making the model described by Holzapfel [34], or the rheological
network model of Bisschoff et al. [4] very suitable. For surgical applications one
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can argue that the relaxation constant of tissues such as arteries is low compared
to the surgeons actions, making viscoelasticity a less important feature. In
brain tissue however, viscoelasticity is a pronounced phenomenon which should
for example be modelled by using time-dependent coefficients in the Mooney-
Rivlin model, as suggested by Miller [68], or by using the QLV-theory with a
box-shaped spectrum as a tissue frequency response, described by Drapaca et
al. [21]. When accurately modelling biomechanical behaviour of ligament or
tendons during loading, incorporation of damage, heterogeneity, anisotropy and
viscoelasticity are all important, for which the model described by Natali et al.
[72, 73] is the most complete. All of the above are nonlinear models. This is
because mostly large deformations are to be described, in which case all soft
tissues will behave in a pronounced nonlinear manner.

As mentioned before, realistic representation and computational complexity
grow proportionally, which means that for complex models, numerical solution
via the conventional finite element method cannot take place in real time. This
is a great limitation for the use of continuum-mechanical models in virtual
trainers and in robotic surgery, and explains the fact that heuristic models
are by far still the most frequently used in surgical simulators, despite their
limited realism. Moreover, most virtual trainers described in literature so far
that use a continuum-mechanics approach, still only use linear models. A
great deal of research has therefore been done and is ongoing to speed up
computation. According to Székely et al., key features for fast computation
are the formulation of an appropriate model, dedicated parallel hardware and
parallel solution algorithms [92].

Another possibility to increase speed can be to set up a database of models,
classified per organ or case, in which for different conditions, deformation and
forces have been precomputed. This way, computation can be speeded up by
not solving the numerical problem at every instant, but by defining the organ
in question as a linear combination of the organs available in the database,
for example with artificial neural networks, or through active shape modelling
or active appearance modelling [17]. The deformation and forces are thus a
combination or a known deformation of these database ‘modes’ and require a
lot less time to be calculated.
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Abstract

Commonly used techniques in cardiovascular interventions such as arterial
clamping always entail a certain degree of unavoidable iatrogenic tissue damage.
Therefore, studies have been directed towards the decrease of undesired
intraoperative trauma, for example, through the design of less traumatic surgical
instruments. Obviously, the effectiveness of new clamp designs and techniques
depends on how well damage mechanisms are understood and how accurate
thresholds for safe tissue loading can be set. This information can in part be
derived from reliable finite element simulations.

This study is the first to describe a finite element simulation of the clamping of a
rat abdominal aorta with occlusion and in vivo validation. Material nonlinearity,
large deformations, contact interactions and residual strains are hereby taken
into account. The mechanical parameters of the model are derived from inflation
experiments. The effect of the residual strains, different clamp geometries as
well as the effect of variations in material properties are studied.

In all simulations, clear stress concentrations in different regions of the tissue are
noticed, especially for a corrugated clamp design. This shows the importance
of finite element modeling in understanding the relation between mechanical
loading and damage mechanisms. The inclusion of residual strains has its effect
not only in the physiological loading regime, but also during clamping. Just as in
the physiologic regime, it lowers the stress gradients through the wall thickness.
Varying the material properties with the measured standard deviation between
specimens leads to an average change of ±17% in the maximum and minimum
principal stresses.

Finally, the model is validated with an in vivo clamping experiment of a wistar
rat in which the clamping force was measured, showing good correspondence
with the modeled clamping force.

Keywords

aorta, finite element model, clamping, mechanical properties
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6.1 Introduction

Surgical interventions always entail a certain degree of unavoidable iatrogenic
tissue damage. Therefore, studies have been directed towards decreasing this
undesired intra-operative trauma, for example, through the design of less
traumatic surgical instruments [15]. A step further in this direction is the
development of ‘smart’ instruments, that can assess the applied load and
guide the surgeon to minimize tissue damage see, for example, [2, 11, 3]. The
effectiveness of these new designs and techniques clearly depends on how well
damage mechanisms are understood and how accurate thresholds for safe tissue
loading can be set.

The case study examined here is that of arterial clamping, which is commonly
used to guarantee a blood-free zone for manipulation, for example, for an
anastomosis in bypass surgery. However, the mechanical load due to this
clamping is known to cause injury to the arterial wall, leading to intra- and
postoperative complications [1, 17, 12]. In [4] it was shown that, for the case of
the clamping of a rat abdominal aorta, loading thresholds can be set such that
the smooth muscle cells of the medial layer remain intact. However, this study
only measured the macroscopic force exerted by the clamping device, whereas
the resulting damage was clearly location-specific due to the heterogeneous
nature of the tissue and the deformation pattern.

Generalized thresholds for safe tissue loading should therefore be set on a
microscopic level, i.e. by studying the local tissue deformation/stress and the
corresponding damage. This requires reliable finite element modeling, as it can
reveal how the macroscopic clamping force relates to local tissue deformation and
stress. For example, [2] have described this concept to find damage thresholds
for porcine liver tissue, utilizing simple, isotropic material models. Here, finite
element modeling will be applied to the case study of arterial clamping. [6], for
example, simulated the process of arterial clamping with finite elements up to
the point before self-contact of the artery.

In the present work the clamping process is simulated up to clamping forces
beyond artery closure and with different clamp designs. In particular, the present
article describes an integrated approach leading to a reliable three-dimensional
(3D) finite element model simulating the clamping of a rat abdominal aorta.
Computational complexities such as material nonlinearity and heterogeneity,
large deformations, contact interactions and strains are taken into account.
The material parameters are defined experimentally through extension-inflation
tests of aortic segments, and the effect of residual strains and the variations
in the material properties are evaluated. Finally, the finite element results are
validated with an in vivo clamping experiment.
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6.2 Materials and methods

6.2.1 Material model

As a first approach the rat abdominal aorta was used as a model for human
arteries. The experiments described in this article were performed on 12 male
JCR rats at 10 weeks of age∗. All experiments were performed conforming to
the Guide for the Care and Use of Laboratory Animals of the US National
Institute of Health.

Anatomically, the abdominal aorta is located in the abdomen adjacent to the
vena cava, running parallel to the spinal chord. The segment is proximally
bounded by the diaphragm, and distally by the bifurcation leading to the legs.

Any artery consists of three distinct layers. In healthy arterial tissue, the inner
layer, or intima, consists of a subendothelial layer. The middle layer is the
media, which is the most important load-bearing layer of the artery within the
physiological loading domain. It consists of collagen, elastin and of smooth
muscle cells separated by fenestrated elastic laminae. The outer layer, the
adventitia, is surrounded by loose connective tissue and it consists mainly of
thick bundles of collagen fibres in a helical structure [20]. For a more detailed
description of arterial wall morphology, the reader is referred to, for example,
[18] and [8].

The aorta was approximated by the material model, as proposed in [8, 5]. In
particular, a fibre-reinforced tube was used, and dispersion of the collagen fibres
was considered. In healthy rat abdominal aortas the two load bearing layers
are the media and, within the physiological loading domain, to a lesser extent
the adventitia. In contrast to human arteries, however, the layers cannot easily
be separated from each other without compromising the integrity, making it
impossible to define the mechanical properties of each layer separately. Therefore,
in this study, the media and the adventitia were studied as a (combined) single
layer.

The biomechanical response of the aortic wall can be described through a
strain-energy function with respect to reference volume, say Ψ. This may be
written as the sum of an isotropic contribution [10], i.e. the matrix material,
∗JCR rats are a strain incorporating the autosomal recessive corpulent gene [19]. In this

study, however, only the homozygous normal (+/+) or heterozygous (+/cp) were used, which
are both lean and normotensive.
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and an anisotropic contribution, i.e. two collagen fibre families embedded in
the matrix material. Hence,

Ψ(I1, I∗4 , I∗6 ) = c

2(I1 − 3) + k1

2k2

∑
i=4,6

exp[k2(I∗i − 1)2]− 1, (6.1)

where c > 0 and k1 > 0 are stress-like parameters, k2 > 0 is a dimensionless
parameter, and I1 is the first invariant of the right Cauchy-Green tensor, which
can be written as a function of the three stretches λi, i = r, θ, z, in the radial,
circumferential, and axial directions, respectively. Thus,

I1 = λ2
r + λ2

θ + λ2
z. (6.2)

By taking into account the assumption of incompressibility (λrλθλz = 1),
eq. (6.2) may be written as:

I1 = λr
2 + λθ

2 + (λrλθ)−2. (6.3)

The second term in (6.1) describes the anisotropic contribution, where I?i is the
invariant related to the fibre direction of a fibre family, and can be written as
[5]:

I?i = κI1 + (1− 3κ)Ii, Ii = λ2
θcos2α+ λ2

zsin2α, i = 4, 6, (6.4)

where Ii, i = 4, 6, are two invariants [7], α is the angle between the (mean)
fibre direction and the circumferential direction of the cylindrical tube, and
κ ∈ [0, 1/3] is a parameter related to the dispersion of the fibres. In our case it
is assumed that two fibre families are included in the model, which are oriented
symmetrically with respect to the tube axis, which is in accordance with the
results of the recent experimental study by [20]. The two fibre families have
the same mechanical properties and are located within the tangential plane of
the cylinder so that I4 = I6 (hence the collagenous fibre orientations have no
components in the radial direction).

The described material model contains three material parameters (c, k1, k2)
and two structural parameters (α, κ) which need to be defined, in our case for
rat abdominal aortas. The average angle α of the collagen fibres was set to
±5◦ (approximately the circumferential direction), which is according to results
described by [13]. The four remaining parameters c, k1, k2 and κ, were obtained
by fitting the model to the experimental data of the inflation tests.

6.2.2 Extension-inflation test

Each animal was anesthetized with isoflurane and subsequently euthanized by
perfusion with Krebs buffer. The abdominal aortas were excised and stored
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for a maximum of 10 hours at 4◦C in Krebs buffer (with final concentration in
mmol/liter: NaCl 118.3; KCl 4.7; MgSO4 1.2; KH2PO4 1.2; CaCl2 2.5; NaHCO3
25.0; glucose 11.1, and Na2Ca-EDTA 0.026).

Extension-inflation tests were performed on a screw-driven high-precision tensile
testing machine (Messphysik). The samples were immersed in a Perspex
container filled with Krebs buffer maintained at 37±0.1◦C by a heater-circulation
unit (Ecoline E 200, Lauda). The aorta segments were mounted on 22G blunt
needles with luer fitting which were in turn connected to a load cell on one end
and to a pressure pump on the other end of the tensile machine. A 10N load cell
(AEP transducers) measured the axial force F exp (‘exp’ stands for experimental)
and a pressure pump (model µ333, Neuhold) controlled the internal pressure
pexp with an accuracy of 20Pa. The outer radius ro was measured optically
with a video-extensometer (model ME 46-350, Messphysik). An accuracy of
approximately 0.1mm could be obtained for the edge detection. For a more
detailed description of the test setup, see, for example, [22].

After mounting, samples were first stretched to an axial pre-stretch of 50%,
thus λz = 1.5. Next the samples were subjected to a saw-tooth profile of three
loading and unloading cycles for the internal pressure going from 0 to 20 kPa at
20Pa/s, during which F exp and ro were continuously recorded.

6.2.3 Parameter fitting

The four parameters (c, k1, k2, κ) are obtained by means of a nonlinear
optimization with Matlab.R2010a. Thereby, the ‘lsqnonlin’ routine and the
‘trust-region-reflective’ optimization algorithm was used. We minimize the
objective function:

E2 =
n∑
j=1

{[
wp
(
pmod
j − pexp

j

)]2 +
[
wF
(
Fmod
j − F exp

j

)]2}
, (6.5)

where n is the number of data points considered, and wp and wF are weighting
factors for the internal pressure p and the axial force F , respectively.

The internal pressure and the axial force predicted by the function Ψ for the
j-th data record are denoted by pmod

j and Fmod
j (‘mod’ stands for model), and

pexp
j and F exp

j are the related experimentally measured values.
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The weighting factors wp and wF were identified to equate contributions of the
internal pressure and the axial force in the objective function E2.

Starting from the equilibrium equation, i.e.

dσrr
dr + 1

r
(σrr − σθθ) = 0, (6.6)

where r is the radius and σrr and σθθ are the stresses in the radial and
circumferential direction, respectively, in [14] it is shown how the following
function between the internal pressure pmod and the stretches λ and λz can be
derived. Thus,

pmod =
∫ λi

λo

(λ2λz − 1)−1 ∂Ψ
∂λ

dλ, (6.7)

where, subsequently, λ denotes the stretch in the circumferential direction so
that λi and λo are the circumferential stretches at the inner and outer wall,
respectively. These stretches can be described as a function of the radius and
the axial length as:

λ = r

R
, λi = ri

Ri
, λo = ro

Ro
, λz = l

L
, (6.8)

where r and R denote the deformed and initial radii at a certain position,
respectively, ri and ro denote the deformed radii at the inner and outer wall,
respectively, and l and L the deformed and initial axial length of the sample,
respectively. The initial inner radius Ri was derived by measuring the initial
wall thickness. Subsequent values of ri were derived for each measurement point
by assuming incompressibility:

λz = R2
o −R2

i
r2
o − r2

i
. (6.9)

The axial force Fmod can then be found as the integral of the axial stress over
the wall thickness subtracted with the pressure exerted on the inner surface,
also called the ’reduced axial force’ in [14]:

Fmod = πR2
o(λ2

i λz − 1)
∫ λi

λo

(λ2λz − 1)−2
(

2λz
∂Ψ
∂λz
− λ∂Ψ

∂λ

)
λdλ. (6.10)

6.2.4 Stress-free geometry

An accurate finite element model starts from an initial geometry that is stress
free. The aorta can be approximated by a cylinder of which the average
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q
Figure 6.1: Load-free and
stress-free configuration of
a ring segment of a rat
abdominal aorta.

circumference S and wall thickness T in the unloaded state are measured.
However, due to residual strains, the in situ unloaded state does not coincide
with the stress-free state in arterial tissues [23, 16, 9]. The main components
of these residual strains, which depend on the species and the location, can
be found along the circumferential and the axial directions, and they were
experimentally determined for the 12 arterial samples used for the inflation
tests.

The axial residual strains were derived by comparing the in vivo length of
the arterial sample to its length after excision. The circumferential residual
strains were measured by cutting open a ring-shaped segment of the artery and
determining the steady-state opening angle θ, as shown in Fig. 6.1.

6.2.5 Finite element model

The 3D finite element model was built in Abaqus/Explicit version 6.9-2. The
initial geometry for the model was a cylindrical segment cut open with an
opening angle of θ = 61◦, a section circumference S = 2.75mm, a wall thickness
T = 0.14mm and an initial length L = 0.2mm. This particular geometry
was used as a basis for our subsequent finite element simulations, hence these
geometrical data were considered to be representative. Symmetry allowed for
only half of the segment to be modeled as a self-contact problem.

The element size was set to ensure at least six elements through the thickness for
accurate modeling of bending. Hexahedral, linear, reduced integration elements
(C3D8R) were assigned to the mesh, and the model by [8, 5], in Abaqus referred
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Table 6.1: Parameters used in the finite element model.

Input parameters

Geometry

Wall thickness T = 0.14mm
Section circumference S = 2.75mm
Length L = 0.2mm
Opening angle θ = 61◦

Mechanics/Structure

Compressibility Λ = 5.0
Fiber angle α = ±5◦

c = 23.63± 4.13 kPa
k1 = 32.51± 6.13 kPa
k2 = 3.05± 1.32 (-)
κ = 0.16± 0.01 (-)

to as the Holzapfel-Gasser-Ogden material, was used with the parameters, as
explained in the previous paragraph.

Due to the explicit nature of the solver, a certain amount of compressibility was
needed. This means that an extra volumetric function Ψvol was added to the
strain-energy function (6.1), and that was of the from

Ψvol = Λ [ 1
2 [ J2 − 1 ]− ln(J) ]. (6.11)

The penalty parameter Λ is chosen to Λ = 5.0 after a sensitivity analysis,
demonstrating that this value was low enough to ensure near-incompressibility,
but high enough to enable smooth calculations. J denotes the determinant of
the deformation gradient F. Table 1 provides an overview of all the parameters
used in the finite element model.

Four different loading steps were applied, as schematically shown in Fig. 7.5. In
the first loading step the cylindrical segment was closed to form a half cylinder.
This was performed by constraining the surface A in the x-direction and by
imposing a displacement x1 and x2 to the edges b and c, without constraining
the vertical degree of freedom (see Fig. 6.3).

Next, the cylinder was axially stretched by a factor of λz = 1.5. The axial
direction remained fixed for all nodes at the edges for the remainder of the
simulation. In the third step, the segment was pressurized with an internal
pressure of 13 kPa while in the fourth step the internal pressure pulsated between
the physiological levels of 10 and 16 kPa (diastole and systole) at a rate of 1Hz
and the clamps were moved towards each other over a time span of 10 seconds.
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Figure 6.2: Schematic overview of the applied four loading steps.

Fixed mass scaling was applied to enable time increments of 5e-6 s, for steps 1 to
3. During clamping, in step 4, the time step was reduced to 1e-6 s. Note that we
are here dealing with a quasi-static analysis so that we are computing sufficiently
slow processes whereby enough time remains for the system to adjust itself
internally. Hence, time does not influence our computational results. However,
we want to keep the notation of ‘time’ for comparative purposes to become clear
in the experimental part of the study. To ensure that the analyses were in fact
quasi-static, the total kinetic energy was compared to the total strain energy
inside the model. The kinetic energy was found to be negligible throughout the
entire analysis by a factor of 10−5.

To simulate the pressure drop during the closing of the vessel, the pulsating
pressure was modulated with an exponential decay function. The vessel was
closed until the clamping force reached at least 1.0mN, i.e. the clamping force
for one half of the aortic ring.
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Figure 6.3: Sketch of the stress-free
geometry of the finite element model.
Circumferential residual strains are added
by constraining the surface A in the x-
direction and by moving the edges b and
c over a distance x1 and x2, without
constraining the degree of freedom along
the y-direction.

Contact, enforced with the penalty method, was defined between all contact
surfaces, nonlinearity due to large displacements was taken into account and
the analysis was run in double precision.

Two different clamp designs were used; both modeled as rigid bodies. In the
first model, subsequently referred to as the SRA model (for explanation of the
acronym see Table 2), the clamp arms were flat surfaces. In the second model,
abbreviated as MRA, a corrugated surface was modeled, similar to a typical
surgical mosquito clamp. To test the sensitivity, calculations were performed
with average values for the material parameters and plus and minus the (sample)
standard deviation (SD), abbreviated as SRA+ and SRA-, respectively.

To evaluate the effects in the lateral edges of the clamp, a longer segment was
also modelled (abbreviated as LRA), with a smooth clamp design, slightly
curved at the lateral edges. The stress-free segment length was 4 mm, the
length of the clamp 0.8 mm.

To evaluate the effect of the residual strains on the biomechanical response, the
calculations were repeated for the same geometry, but with the strain energy
reset to zero after step 2, i.e. after applying the residual strains, subsequently
abbreviated as SA. Table 2 gives an overview of the different model variations
that were studied.
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Table 6.2: Overview of the model variations (SD = standard deviation).

Model variations
Model Clamp Residual Material Segment

design strain parameter length
SRA Smooth Yes Average 0.2 mm
SRA+ Smooth Yes Average + SD 0.2 mm
SRA- Smooth Yes Average − SD 0.2 mm
SA Smooth No Average 0.2 mm

MRA Mosquito Yes Average 0.2 mm
LRA Smooth Yes Average 4 mm

6.2.6 In vivo clamping experiment

The finite element simulation was then compared with the actual in vivo
clamping of a 10 week old male Wistar rat. The animal was anesthetized with
an isoflurane-oxygen mixture through a semi-closed circuit inhalation system.

The animal was placed on a heating pad to control body temperature. An
incision in the abdominal cavity was made, upon which the surrounding organs
and fatty tissues were retracted to free a length of approximately 1.5 cm of
the abdominal aorta and the vena cava. One segment was clamped with a
custom made clamping device described in [4], with an integrated clamping
force measurement system.

The abdominal aorta and the vena cava were clamped together. Namely, a
separation of the two vessels would induce an uncontrollable amount of damage
which would counterfeit the results. During clamping, the force between the
clamp arms was continuously recorded.
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6.3 Results

6.3.1 Mechanical properties

Figure 6.4 shows the experimentally obtained relation between the internal
pressure pexp versus the circumferential stretch λ and the axial force F exp versus
λ obtained from 9 specimens of rat abdominal aortas. In the three remaining
specimens, slippage occurred during testing so that the axial force and stretch
were unusable. The thin curves in Fig. 6.4 represent the biomechanical behaviors
which were obtained by filtering the experimental data with a 5Hz second-order
low-pass filter. In Table 1 the values for c, k1, k2 and κ (average and standard
deviation – SD) are summarized resulting from a parameter optimization
procedure for these data sets. The sample standard deviation of the four fitted
material parameters c, k1, k2, and κ are ± 17.5, 18.9, 43.3 and 6.2%, respectively.
The thick solid curves in Fig. 6.4 indicate the calculated internal pressure pmod

and axial force Fmod versus λ for the average parameters according to Table 1.

The thick dashed curves in Fig. 6.4 indicate the internal pressure pnum and axial
force F num versus λ, derived from a finite element simulation on model SRA,
slightly modified to allow inflation up to 20 kPa, as in the experiments. Note
that in pnum and F num, residual strains are taken into account, in contrast to
in pmod and Fmod, where they are not.

6.3.2 Clamping simulation

The following section describes the finite element results, highlighting the effect
of model variations (see Table 2) on different stress components. All results
are compared at the point at which the clamps exert a force of 1.0mN. This
value was chosen as it ensures vessel occlusion for all models without causing
excessive distortion to the finite element mesh.

Table 3 lists all maximum and minimum Cauchy stress values that occur
in the artery at this clamping force for the different model variations, and
it also lists stress values encountered at an internal pressure of 16 kPa (i.e.
systole), expressed in 10−2 MPa. The table also compares these values with
the corresponding value of the SRA model in % (i.e. the model with smooth
clamp design, incorporation of residual strains and average material parameters).
For the models SRA and MRA, the values are also expressed relative to the
corresponding values encountered in the physiological state in % (i.e. systolic
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l l

Figure 6.4: Results of the parameter fitting. Internal pressure versus circumferential
stretch (left plots), axial force versus circumferential stretch (right plots). Thin curves
characterize the experimental results obtained from 9 specimens of rat abdominal
aortas (pexp and F exp), while thick curves indicate the calculated internal pressure
and axial force versus the circumferential stretch (pmod and Fmod) for the average
parameters c, k1, k2 and κ according to Table 1. Thick dashed curves indicate the
internal pressure and axial force versus the circumferential stretch pnum and F num,
derived from a finite element simulation on model SRA, slightly modified to allow
inflation up to 20 kPa, as in the experiments.

state at an internal pressure of 16 kPa). The Cauchy stresses are described
in a cylindrical coordinate system, with the radial, circumferential and axial
directions denoted as σ11, σ22 and σ33, respectively. Also the Cauchy shear
stress component σ12 and the von Mises stress are shown in Table 3. Note that
the maximum and minimum values for each of the stresses do not necessarily
occur in the same finite element so that the maximum and minimum von Mises
stress can not directly be derived from these values.

Material parameter variation

Figure 6.5 shows deformed arterial sections with related distributions of the von
Mises stresses for the different models SRA+, SRA, and SRA- (see Table 2),
i.e. the model with the smooth clamp design, considering residual strain in the
artery, and with varying material parameters ± SD. The von Mises stresses
are plotted at a clamping force of 1.0mN. The effect of this inter-specimen
variation on the calculated stresses can black also be seen from Table 3, and
was on average ± 17%.
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Table 6.3: Overview of the minimum and maximum values of the Cauchy stress
components in the radial σ11, circumferential σ22 and axial σ33 directions, the Cauchy
shear stress component σ12 and the von Mises stress for the different model variations
according to Table 2 at 1.0mN contact force, expressed in 10−2 MPa. The sixth row
describes the stress values encountered at an internal pressure of 16 kPa (i.e. systole).
These values are compared with the corresponding value of the SRA model, expressed
in %. The values for the models SRA and MRA are also expressed with respect to
the corresponding values at a systolic pressure of 16 kPa.

Model σ11 σ22 σ33 σ12 von Mises
10−2 MPa min max min max min max min max min max

SRA −9.44 −0.31 −10.87 7.76 −6.58 5.93 −3.48 3.51 3.75 7.66
SRA+ −11.28 −0.31 −12.66 9.50 −7.80 7.61 −3.80 3.85 4.43 9.49
SRA- −7.91 −0.28 −9.01 6.31 −5.48 4.68 −2.96 2.98 3.10 6.26
SA −14.75 −0.42 −17.82 11.44 −16.87 0.59 −4.87 4.92 0.12 11.73

MRA −11.62 −0.06 −11.22 10.13 −7.07 6.56 −3.35 4.91 3.74 12.95
systole 0 −1.16 6.98 9.60 6.04 6.10 0 0 6.67 9.49

% of SRA min max min max min max min max min max
SRA+ 119 100 116 122 119 128 109 110 118 124
SRA- 84 89 82 81 83 79 85 85 83 82
SA 156 134 164 147 256 10 140 140 3 153

MRA 123 −20 103 130 107 111 96 140 100 169
% of systole min max min max min max min max min max

SRA −∞ 27 −156 81 −109 97 −∞ ∞ 56 81
MRA −∞ −6 −161 105 −117 107 −∞ ∞ 56 136

Residual strain

Figure 6.6 shows deformed arterial sections with related distributions of the
Cauchy stress components in the radial σ11, circumferential σ22 and axial σ33
direction, in addition to the shear stress component σ12, for the same clamping
force and for the models SRA and SA. Recall that the SRA model has a smooth
clamp design, considers average material parameters and residual strains in the
aorta (circumferential and axial), while the model SA does not consider residual
strains.

The two curves in Fig. 6.7 show the distribution of the circumferential Cauchy
stress σ22 through the wall thickness for the two models SRA and SA in the
diastolic state, i.e. at an internal pressure of 10 kPa. From this figure it is clear
that residual strains tend to homogenize the stresses through the wall thickness.
The results in Table 3 show, for example, a 53% increase in the maximum von
Mises stress in the model without residual strain, and a 97% decrease in the
minimum von Mises stress.
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SRA+

SRA

SRA-

Figure 6.5: Deformed arterial sections subjected to a clamping force of 1.0mN for
the three models SRA+, SRA and SRA- (compare with Table 2). Colour shows the
distribution of the von Mises stresses.

Inhomogeneous stress distribution

To evaluate the inhomogeneity of the stress distribution in the artery wall,
the stresses were monitored during the simulation of the SRA model at four
different locations. Figure 6.8 shows the evolution of the circumferential stress
σ22 (in MPa) as a function of time (in s) for four nodes, each with a specific
location in the mesh.

Clamp design

Figure 6.9 shows deformed arterial sections at the same clamping force for model
MRA, i.e. the model with average material parameters, including residual strains
in the artery wall, and with a corrugated clamp design. The deformed sections
also represent the distribution of the Cauchy stress components in the radial
σ11, circumferential σ22 and axial σ33 direction, in addition to the shear stress
component σ12.

Table 3 shows a 69% increase in the maximum von Mises stress in the MRA
model with respect to the SRA model, whereas the minimum von Mises stress
is basically equal for both models.
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Segment length

Figure 6.10 shows deformed arterial sections at an equivalent clamping force
for model SRA and model LRA, i.e. the longer segment with a smooth clamp
with slightly curved lateral edges. Slight differences can be perceived, e.g higher
maximal radial and circumferential stresses, and lower maximal axial stresses
for the shorter segment. Analyzing the stresses in the longer segment along the
axial direction (shown in Figure 6.11) shows some slight stress concentrations
at the lateral edges where the clamp comes into contact with the artery.

s 2
2

Figure 6.7: Distribution of the circumferential Cauchy stress σ22 through the wall
thickness for the models SRA and SA in the diastolic state, i.e. at an internal pressure
of 10 kPa.

Figure 6.8: Evolution of the circumferential stress σ22 in the artery wall at four
different locations for the clamping process of the SRA model.
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s22

s33

s12

s11

Figure 6.9: Deformed arterial sections subjected to a clamping force of 1.0mN for
the MRA model (compare with Table 2). Color shows the related distributions of
the Cauchy stress components in the radial σ11, circumferential σ22 and axial σ33
direction, in addition to the shear stress component σ12.
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s11

Figure 6.10: Principal stresses in the central cross section of the arterial segment, at
a clamping force of 1 mN for the SRA model, and at the equivalent clamping force
of 5.33 mN for the LRA model. The top image always represents the SRA model,
the bottom image the LRA model. Slight differences can be perceived, e.g higher
maximal radial and circumferential stresses, and lower maximal axial stresses for the
SRA model compared to the LRA model.
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s22

Figure 6.11: Principal stresses in longitudinal cross sections of the LRA model, clamped
with a clamping force of 5.33 mN, which is equivalent to a clamping force of 1 mN
on a short segment. Per principal stress a front view (top) as well as a cross section
through the central plane (bottom) is shown. The plots show small regions of radial
stress concentration at the lateral clamp edges (indicated by the solid arrows), and a
small increase in axial stress at the regions indicated with the dashed arrows.

6.3.3 In vivo clamping experiment

Figure 6.12 shows the clamping force per clamped surface as a function of
the displacement for the in vivo clamping experiment and for the numerical
simulation of the SRA model. The pulsating pressure is visible until occlusion
of the artery. The clamping force that corresponds to this point is called the
minimum occlusion force.
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Minimal occlusion force

Figure 6.12: Measured clamping force per clamped surface (in N/mm2) as a function
of displacement (in mm) during the in vivo clamping of the abdominal aorta of a
Wistar rat with a smooth clamp design (dashed curve). The solid curve shows the
finite element result of the SRA model.

6.4 Discussion

A finite element model was built to study the stress distributions in arterial
tissue due to clamping. Extension-inflation tests of the rat abdominal aortas
were performed to define the material parameters, and the experimental data
were fitted to the material model by [8]. The results of this fit are acceptable
considering the fact that certain features such as hysteresis and damage are not
captured by the used material model.

Note also that in the finite element model, the artery was modelled as a single
homogeneous layer, even though the wall consists of two solid mechanically
relevant layers, i.e. the media and the adventitia. However, in the case of a
rat abdominal artery, the complete wall thickness is only approximately 0.14
mm thick, and in contrast to human tissue, it is impossible to separate these
two layers from each other. Therefore, the most accurate approach was to test
the wall in its totality, and model it as a single layer. The values found for the
different parameters are of the same order of magnitude as the ones derived, for
example, by [5], where the mechanical properties of human iliac arteries were
described.

The effect of the tissue variation on the material parameters was evaluated
by also calculating model variations such as SRA+ and SRA-. Overall, by
varying the material parameters with plus and minus the standard deviation
we obtained a shift in the peak stresses by ± 17%. The values described here
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should, however, be evaluated with caution, as all four material parameters
c, k1, k2, κ were simultaneously reduced or increased, which might not reflect
a specific tissue sample. A full parametric study is required to get a better
understanding of the effect of the variability of the different parameters.

It is clear how residual strains/stresses influence the physiological wall stresses
in the aortic wall. As has already been described in numerous studies (see,
e.g., [23, 16, 9]), the effect of incorporating circumferential residual strains is
that they tend to homogenize the circumferential stresses through the arterial
wall thickness in the physiological state, which was confirmed by our results as
shown in Fig. 6.7. The effect of the axial residual strains (or pre-stretch λz) is
that during physiological loading and unloading, the axial force remains almost
constant, as described in, for example, [24] and [21]. In our study the axial
force remains constant for the lower range of circumferential strains and thus
internal pressure, but tends to decrease in the higher range of circumferential
strains (see the right graph in Fig. 6.4 obtained for λz = 1.5). This indicates a
slight underestimation of the actual in vivo pre-stretch in our experiments.

From the results described in Table 3 and Fig. 6.6 it can be seen that the effect
of the residual strains propagates into the supra-physiological domain: also
during clamping residual strains/stresses ‘protect’ the tissue by leveling out
the maximum stresses. Clearly, residual stresses cannot be ignored, even when
modeling supra-physiological phenomena.

In general, all results indicate that the stress distribution due to the macroscopic
clamping force is highly inhomogeneous. This can also be seen in Fig. 6.8, where,
depending on the location in the mesh, the circumferential Cauchy stress differs
already in the physiological state, and this difference grows exponentially during
the clamping process. The effect of the inhomogeneous stress distribution is
even stronger in the MRA model, i.e. the model with the corrugated clamp
design, which gives rise to pronounced stress concentrations in different regions
of the model, reaching levels up to 69% higher than with a smooth clamp design.
These results substantiate the fact that improved clamp designs can lower tissue
trauma, and that finite element modeling is an indispensable tool during this
design process.

Figure 6.12 shows a fairly good correlation between the model and the validation
experiment. Again, caution is required when comparing the results as one should
take into account the fact that a different type of rat was used for the validation
experiment and that the parameters used for the mechanical model are average
values derived from a group of animals. In addition, in the in vivo experiment
the vena cava was clamped along with the aorta which slightly alters the
geometrical situation. The comparison was shown to indicate that, when used
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more methodically, this type of in vivo clamping experiment can be a reliable
validation method.

All these results indicate the potential of finite element modeling to understand
the loading conditions and subsequent damage mechanisms in vascular tissue.
However, the model described here is still situated on a supra-cellular level,
whereas the actual damage processes obviously initiate on a cellular or subcellular
level. The rupture of collagen fibers and the death of smooth muscle cells cannot
be captured by the material model of [8], which is why the simulation could
only reliably be performed up to a relatively low clamping force. Adaptation of
this model to incorporate damage mechanisms will lead to more accurate results
in the higher loading regimes. Also, more refined modeling of the fluid-structure
interaction would allow a better definition of the pressure load on the inner wall
of the vessel, as well as the wall shear stresses.

The ultimate aim of this research direction is to derive reliable damage thresholds
for biological soft tissues such as artery walls to optimize clamp designs and to
increase the safety required during tissue manipulations.

In current surgical practice, the amount of load that can safely be applied on a
certain tissue is highly subjective, i.e. depending on the surgeon’s experience and
judgement. Different steps are needed to improve and objectify this judgement.
In a previous work by, for example, [4], clamping experiments, in which
the clamping force was measured, were performed on rat abdominal arteries.
Subsequently, the damage to the artery was assessed through quantification
of the functionality of the endothelial and smooth muscle cells, and through
the evaluation of histological images. Currently, these experiments are being
extended to an increased sample size, to additional load levels, and damage
is being assessed after different periods of ‘repair time’. This will provide the
surgeon with quantitative information by facilitating a more objective approach.

However, in the experimental setup, the quantitative damage results are only
linked to the macroscopic clamping force of the clamp used in the experiment
and are, therefore, not yet generalizable to other loading situations. As was
shown in this article, macroscopic force levels give rise to inhomogeneous stress
distributions, which is why these thresholds should be defined on a local tissue
level.

Therefore, the finite element model described in the present work acts as a
bridge between the experimental results described in [4] and the local tissue
damage. In the present work, the focus was put on tissue stress. However, more
research is required to define which quantitative measure should be used for the
thresholds, i.e. stress, stretch, strain rate, energy, or a weighted combination.
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Abstract

Robotic surgery is an attractive, minimally invasive and high precision
alternative to conventional surgical procedures. However, it lacks the natural
touch and force feedback that allows the surgeon to control safe tissue
manipulation. This is an important problem in standard surgical procedures
such as clamping, which might induce severe tissue damage. In complex,
heterogeneous, large deformation scenarios, the limits of the safe loading regime
beyond which tissue damage occurs are unknown. Here, we show that a
continuum damage model for arteries, implemented in a finite element setting,
can help to predict arterial stiffness degradation and to identify critical loading
regimes.

The model consists of the main mechanical constituents of arterial tissue:
extracellular matrix, collagen fibres, and smooth muscle cells. All constituents
are allowed to degrade independently in response to mechanical overload.
To demonstrate the modularity and portability of the proposed model, we
implement it in a commercial finite element program, which allows to keep track
of damage progression via internal variables.

The loading history during arterial clamping is simulated through four successive
steps, incorporating residual strains. The results of our first prototype simulation
demonstrate significant regional variations in smooth muscle cell damage. In
three additional steps, this damage is evaluated by simulating an isometric
contraction experiment. The entire finite element simulation is finally compared
to actual in vivo experiments.

In the short term, our computational simulation tool can be useful to optimize
surgical tools with the goal to minimize tissue damage. In the long term, it
can potentially be used to inform computer-assisted surgery, and identify safe
loading regimes, in real time, to minimize tissue damage during robotic tissue
manipulation.

Keywords

artery, damage, smooth muscle cells, active contraction, residual stress, finite
elements
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7.1 Introduction

For the past two decades, computer-assisted surgery has revolutionised surgical
treatment in various different fields. Initially developed to surgically manipulate
the brain, see [34], robotic surgery has now gained widespread use. The da Vinci
surgical system, for example, offers a computer-enhanced surgical option for
complex cardiovascular procedures, see [39]. Robotic surgery enables minimally
invasive and high precision treatment. However, in contrast to conventional
surgeries, robotic surgery inherently lacks the natural touch and force feedback.
This is an important problem during common surgical procedures such as
grasping, cutting, stapling, clipping, and clamping, which may induce severe
tissue damage when not controlled appropriately.

To illustrate these effects, within this manuscript, we focus in particular
on arterial clamping, which always entails a certain degree of undesired
iatrogenic tissue damage [5]. Research has been directed towards decreasing
this unnecessary intra-operative trauma, for example through the design of less
traumatic surgical instruments [21]. Obviously, the effectiveness of these new
designs and techniques depends on how well damage mechanisms are understood
and how accurately thresholds for safe tissue loading can be defined.

An important aspect is the accurate modelling of the loading and the resulting
damage process. This article describes a new material model for cardiovascular
tissue, which is an extension of the Holzapfel-material model for arterial tissue
[28], incorporating smooth muscle cell activation according to [40] and damage
according to [2]. The model is suitable to simulate the damage process during
the clamping of an artery. It displays the decrease of active force generation
in smooth muscle cells due to the sustained damage. Embedded in a finite
element environment, this new model provides a useful tool to define safe loading
regimes for arterial tissue, which could be used to inform computer-enhanced
surgical systems to minimize tissue damage in robotic surgery and, in general,
to optimize clamp design towards minimal trauma.

Physiology of the healthy artery

An artery consists of three distinct layers. In healthy arterial tissue, the inner
layer, or intima, consists of an endothelial layer. The middle layer, the media,
is the most important load-bearing layer of the artery within the physiological
loading domain. It consists of collagen, elastin and smooth muscle cells separated
by fenestrated elastic laminae. The outer layer, the adventitia, is surrounded
by loose connective tissue. It consists mainly of thick bundles of collagen fibres
arranged in a helical structure [45]. For a more detailed description of arterial
wall morphology, the reader is referred to, for example, [45] and [27].
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Arterial blood pressure is regulated acutely by altering the luminal diameter,
which is controlled by balancing vasoconstricting and vasodilating influences
on the smooth muscle cells in a mechanochemical process. Smooth muscle
cells contain actin and myosin filaments that slide relative to each other,
causing contraction and relaxation. This relative sliding is accomplished by
configurational changes of the cross-bridges, or myosin heads, that connect
the myosin to the actin filament. These configurational changes are caused
by phosphorylation and dephosphorylation of the myosin heads, as a function
of the intracellular calcium concentration. For a detailed description of the
mechanochemical process of smooth muscle cell contraction, the reader is referred
to, for example, [51] or [40].

Material modelling

Constitutive models characterize the mechanical behaviour of materials through
a functional relation between stresses and strains. A great number of models for
cardiovascular tissue exist, aimed at capturing its specific features [54, 20]. For
an overview of constitutive models for cardiovascular tissue, or for biological
soft tissue in general, the reader is referred to, for example, [16, 12]. [28] have
introduced one of the most commonly used hyperelastic, anisotropic material
models for arteries, which accounts for two collagen fibre families along two
symmetrically arranged directions and allows for a certain amount of dispersion.
This model nicely captures the typical nonlinear behaviour as wavy collagen
fibres are gradually recruited when the tissue is stretched. In this baseline
model, however, the material behaves completely passive, i.e., the model does
not account for the contractile nature of the smooth muscle cells present in the
arterial wall.

The first mechanical representation of a muscle was proposed by [24], which
was extended to the three-element Hill model by [15]. This model consists of a
contractile element in series with a spring element, representing the contractile
unit. Another spring in parallel represents the surrounding material. For
smooth muscle, [17] proposed a variation of the three-element Hill model. [57]
were the first to couple the mechanical representation to an electrochemical
model by [22], incorporating the calcium-driven configurational changes of the
cross-bridges. This approach was also followed and improved for situations
with large deformations, by [51, 40, 31] and [48]. However, so far, the active
contribution of smooth muscle has not yet been combined with the collagen
fibre contribution, nor have the models been implemented in a finite element
framework. The model proposed by [58] does combine the active contribution
with a stochastic collagen fibre contribution in a pseudoelastic-type strain-
energy function. In [19] and [44], finite element formulations were proposed in
which mechanical contraction was controlled via electrical and chemical fields,
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respectively. Unfortunately, these models are phenomenological and thus less
straightforward to populate with realistic experiment-based material parameters.
In this paper, the active contribution by [40] will be combined with the collagen
fibre contribution by [28] and implemented in a finite element framework to
account for tissue heterogeneity. Moreover, the material parameters related to
the active constituent will be calibrated for rat abdominal arteries by means of
in vivo experiments.

Most existing material models are designed to describe the material in its
physiological state. These models, however, fail to capture damage mechanisms
that may occur when the tissue is loaded in the sub- or supraphysiological
domain, for example, during surgical manipulation. Motivated by the typical
stress softening or Mullins effect in rubber-like materials, [49] introduced a
discontinuous damage model that allows progressive degradation of an isotropic
material to be captured. [2] have adapted this approach to describe damage
to arterial tissue based on the Holzapfel material model. Other approaches
exist to model damage in rubber-like materials, in a continuous manner [38],
or pseudoelastically [42]. [9] proposed a network evolution model to model
anisotropic damage in rubber which was later applied for biological tissues by [11].
[25] incorporated anisotropic damage in arteries by weighting an Ogden-type
strain energy function with a fourth order damage tensor. Another suggestion
for anisotropic damage to arterial tissue controlled by material constants was
made in [55, 56]. Also for arterial tissue, damage to the collagen fibres has been
described in a stochastic, worm-like chain model by [46]. From the same group,
[8] presented a continuum damage model with discontinuous softening in matrix
and collagen fibres. Viscoelasticity was introduced in these damage models
by [43]. These damage models, however, neither include the active smooth
muscle contribution nor the damage to the smooth muscle cells. In this paper,
damage will be incorporated in a manner similar to [2], this time including the
contributions of healthy and potentially damaged smooth muscle cells.

Experimental characterization

Every constitutive model introduces a set of material parameters that needs
to be calibrated for the particular type of tissue. Specific experimental setups,
such as uniaxial and biaxial tensile tests or extension-inflation tests can be
performed to calibrate the material parameters for standard passive hyperelastic
models, as described, for example, in [47, 26].

To quantify the active response of the smooth muscle, isometric and/or isotonic
contraction experiments can be performed ex vivo, as described in [5, 18, 40]
and [6]. Recently, [30] and [53] have reported in vivo experiments to identify
active muscle force in cardiovascular tissue in situ.

Damage is frequently assessed through the evaluation of histological images of
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the tissue, for example in [29, 36] and [10]. For example, live-dead stains can
help to identify cell viability, and H&E (haematoxylin and eosin) and collagen
stainings can visualize ruptures in the collagen fibres. Unfortunately, most
studies of tissue damage are qualitative in nature, both in the application of the
tissue load to induce the damage and in the subsequent damage assessment. To
calibrate the damage material parameters, however, quantitative experiments
are essential. [10] were the first to characterize damage quantitatively for
porcine liver. For cardiovascular tissue, previous work [13] reports on a study
in which the damage to the smooth muscle cells of rat abdominal arteries is
quantitatively assessed in an isometric contraction test after in vivo clamping to
well-defined loading levels. In this article, this quantitative damage information
will be used to calibrate the parameters of the new material model.

Outline

Section 7.2 introduces our new material model, accounting for the three major
tissue constituents: extracellular matrix, collagen and smooth muscle cells. In
particular, we allow each constituent to degrade independently. The features of
the model are first illustrated in a simple homogeneous uniaxial cyclic extension
and compression test in section 7.3. Section 7.4 then demonstrates how the
model can be applied to predict smooth muscle cell damage in rat abdominal
arteries through clamping and how the damage parameters can be identified
using actual experiments. Section 7.5 discusses the presented model and suggests
further directions for future work.

7.2 Governing equations for arteries

Through an additive decomposition of the strain energy, the following
constitutive model for active healthy and degraded arterial tissue characterises
the properties of (i) an isotropic matrix material constituent, (ii) an anisotropic
constituent attributed to the dispersed collagen fibres and (iii) an anisotropic
smooth muscle cell constituent. The first two constituents are motivated by
the Holzapfel-material model as proposed in [28], whereas the third component
is motivated by the mechanical smooth-muscle-activation model described by
[40]. The damage accumulating in the different constituents during mechanical
loading is characterised through a strain-energy-driven damage function for each
individual constituent, motivated by the formulation by [2]. In the remainder of
the paper, the model will be referred to as the three-constituent damage model.
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7.2.1 Kinematic prerequisites

Since soft biological tissues can undergo large physiological deformations, the key
kinematic quantity to characterize the deformation process is the deformation
gradient F, i.e., the gradient of the deformation map ϕ with respect to the
undeformed position X:

F = ∇Xϕ and J = det(F). (7.1)

Here, J denotes its Jacobian J , which is close to one, J ≈ 1, for nearly
incompressible materials. In that case, it proves convenient to decompose the
deformation gradient into a deviatoric part, F̄, and a volumetric part, J1/3I,

F = J1/3F̄. (7.2)

Typically, the deformation of incompressible materials is characterised in terms
of the invariants of the deviatoric part C̄ of the right Cauchy-Green tensor C,
with

C = FTF and C̄ = F̄TF̄. (7.3)

The basic deviatoric invariants Īi take the following explicit representation:

Ī1 = tr(C̄),
Ī2 = 1

2 [ tr2(C̄)− tr(C̄2) ],
Ī3 = det(C̄).

(7.4)

While the basic invariants characterize the isotropic material behaviour, the
anisotropic invariants Īfib

4 , Īfib
6 , and Īsmc

4 characterize the stretches along the
fibre and smooth muscle cell directions, see [16]:

Ī4
fib = λ2

θ cos2αfib1 + λ2
z sin2αfib1 ,

Ī6
fib = λ2

θ cos2αfib2 + λ2
z sin2αfib2 ,

Ī4
smc = λ2

θ cos2αsmc + λ2
z sin2αsmc

(7.5)

Here, λθ and λz are the stretches in the circumferential and axial directions,
respectively. Moreover, αfib1 , αfib2 and αsmc denote the angles between the
circumference and the mean directions of the fibre and smooth muscle families.
In the case of arteries, two fibre families are oriented symmetrically with respect
to the cylinder axis, so that αfib1 = −αfib2 and, consequently, Īfib

4 = Īfib
6 . Finally,

the pseudo-invariants Ifib?
4 and Ifib?

6 are introduced to account for dispersion,

Ifib?
4 = κ Ī1 + [ 1− 3κ ] Ī4fib,

Ifib?
6 = κ Ī1 + [ 1− 3κ ] Ī6fib,

(7.6)

where the fibre dispersion κ characterises the degree of anisotropy varying from
κ = 0 in the anisotropic non-dispersed state to κ = 1

3 in the isotropic state.
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7.2.2 Constitutive equations

Since the tissue is assumed to be nearly incompressible, it is common to
additively decompose the strain-energy function Ψ,

Ψ = Ψvol + Ψdev = Ψvol + Ψmat + Ψfib1 + Ψfib2 + Ψsmc, (7.7)

into a volumetric Ψvol and a deviatoric Ψdev part. The latter consists of an
isotropic contribution of the matrix material Ψmat, an anisotropic contribution
of two families of collagen fibres Ψfib1 and Ψfib2 , and a contribution of the
smooth muscle cells Ψsmc. The individual contributions will be specified in
detail in the following section. All deviatoric components are allowed to undergo
degradation in the case of physiological overload. [49] in general and [2] for
arteries have described the approach of weighting the strain energy with a scalar
valued damage variable [ 1− d ]. This model builds upon the classical damage
concept, and introduces an independent damage variable for each individual
constituent.

Volumetric bulk material

The volumetric free energy Ψvol can, for example, be expressed as follows [1]:

Ψvol = Λ [ 1
2 [ J2 − 1 ]− ln(J) ]. (7.8)

The penalty parameter Λ corresponds to κ/2, with κ the bulk modulus (in
MPa), and should be set high enough to ensure near-incompressibility.

Since this term is handled separately in an incompressible finite element
formulation, we will now focus on the four contributions to the deviatoric
energy Ψdev, which are the primary descriptors of the material behaviour.

Extracellular matrix

The extracellular matrix is characterised through an isotropic free energy Ψmat,
which is allowed to degrade according to the classical damage concept:

Ψmat = [ 1− dmat ] Ψ̂mat. (7.9)

Here, Ψ̂mat denotes the elastic energy of the extracellular matrix:

Ψ̂mat = 1
2 c [ Ī1 − 3 ], (7.10)

where c > 0 characterises the matrix stiffness (in kPa). The evolution of the
damage variable of the extracellular matrix dmat is driven by the undamaged
elastic extracellular matrix energy, as proposed by [2]:

dmat = γmat[ 1− exp(−βmat/mmat) ]. (7.11)
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The weighting factor γmat (in kPa) can be used to tune the sensitivity to
damage, γmat ∈ ]0, 1], or to turn the damage off altogether, γmat = 0. mmat is a
dimensionless parameter of the damage model. The variable βmat is an internal
variable keeping track of the maximum elastic strain energy experienced so far,
within the time interval 0 ≤ t ≤ τ [2]:

βmat = max
0≤t≤τ

( Ψ̂mat(t)−Ψmat
0 ). (7.12)

Since it can be assumed that no damage occurs in the physiological range, the
damage threshold Ψmat

0 is initialised with the strain energy in the extracellular
matrix at systolic pressure. For heterogeneous problems, Ψmat

0 may therefore
differ for each material point, and is thus not strictly a material property.

Collagen fibres

Collagen fibres will only contribute when under tension. Similar to the free
energy of the matrix, the free energy of the collagen fibres accounts for both an
elastic and a degrading response,

Ψfibi = [ 1− dfibi ] Ψ̂fibi i = 1, 2, (7.13)

where the energy contributions of the two families of collagen fibres are
formulated according to [16]:

Ψ̂fibi = k1

2 k2
exp( k2 [ Ifib?

i − 1 ]2 )− 1. (7.14)

Here, k1 > 0 characterises the fibre stiffness (in kPa) and k2 > 0 is a
dimensionless parameter. Damage of the two fibre families dfibi can again
be described in terms of the elastic fibre energies Ψ̂fibi [2]:

dfibi = γfib[ 1− exp(−βfibi/mfib) ], (7.15)

where γfib and mfib are the two fibre damage parameters and βfibi are the
internal variables of each fibre family keeping track of the maximum value of
the elastic fibre energies experienced so far [2]:

βfibi = max
0≤t≤τ

( Ψ̂fibi(t)−Ψfib
0 ). (7.16)

Again, the damage threshold Ψfib
0 is initialised with the strain energy of the

fibres at systolic pressure, and may therefore differ for each material point.
Since the internal variables βfibi are driven by the elastic strain energies Ψ̂fibi ,
material degradation will only take place when the fibres are under tension, as
the strain energy is zero when in compression.



GOVERNING EQUATIONS FOR ARTERIES 171

Smooth muscle cells

The smooth muscle cells form an integral part of the matrix constituent, even
in their passive state. Therefore, their degradation is assumed to depend on
both the passive damage dsmc

pas in the surrounding matrix and the active damage
dsmc

act in the smooth muscle cells themselves:

Ψsmc = [ 1− dsmc
pas ][ 1− dsmc

act ] Ψ̂smc. (7.17)

In the undamaged state, the energy of the smooth muscle cells Ψ̂smc can be
expressed as follows [40]:

Ψ̂smc = 1
2 µ

smc [nIII + nIV ][
√
Ismc
4 + urs − 1 ]2, (7.18)

where µsmc characterises the stiffness of the actin-myosin filament apparatus
(in kPa). The kinetics of the actin-myosin powerstroke are modelled through
a four-state model described by [22] and adopted by [40, 31] and [52]. This
model describes the transitions between the four states nI, nII, nIII and nIV of
the myosin heads as a function of the calcium concentration as follows:

ṅI
ṅII
ṅIII
ṅIV

 =


−κ1 κ2 0 κ7
κ1 −(κ2 + κ3) κ4 0
0 κ3 −(κ4 + κ5) κ6
0 0 κ5 −(κ6 + κ7)



nI
nII
nIII
nIV

 (7.19)

Here, n are the fractions of the four states, which sum up to one,
∑
ni = 1.

The κi (in s−1) are the rate constants of the model, where κ1 and κ7 are a
function of the calcium concentration. In particular, nI and nII, are the fractions
of dephosphorylated and phosphorylated myosin heads that are not attached
to the actin filament, and thus not mechanically contributing. nIII and nIV
are the fractions of phosphorylated and dephosphorylated myosin heads, or
cross-bridges, attached to the actin filaments, and thus contributing to the
stiffness. The power-stroke occurs through a conformational change in state
III, after which the myosin heads transform back into state II. As long as the
myosin heads remain phosphorylated, they cycle back and forth between states
II and III, thus generating contraction. In state IV, the myosin heads are still
attached to the actin filament but dephosphorylated and thus unable to perform
a power stroke.

In equation (7.18), urs is the average normalised relative sliding between the
myosin and the actin filaments. It follows a viscous evolution law:

u̇rs = 1
η

[P smc − Pmat ], (7.20)

where η is a viscosity parameter (in MPa s), P smc denotes the active stress
exerted by the attached myosin heads and Pmat denotes the stress from the
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surrounding matrix. The active stress P smc can be approximated by the
following step function:

P smc =

 κc nIII for Pmat < κcnIII
Pmat else
κc[nIII + nIV] for κc[nIII + nIV] < Pmat,

(7.21)

where κc is a material parameter (in MPa) related to the driving force per
myosin head, see [40] and [31] for details. Smooth muscle cell degradation
is governed by two damage variables, dsmc

pas characterizing the damage to the
surrounding matrix and dsmc

act characterizing the damage to the smooth muscle
cells themselves:

dsmc
pas = γsmc

pas [ 1− exp(−βmat/msmc
pas ) ],

dsmc
act = γsmc

act [ 1− exp(−βsmc/msmc
act ) ].

(7.22)

The internal variable for matrix damage βmat is defined in equation (7.12), and
the internal variable for smooth muscle cell damage βsmc is defined as:

βsmc = max
0≤t≤τ

( Ψ̂smc(t)−Ψsmc
0 ). (7.23)

Both keep track of the loading history through the maximum value of the elastic
matrix and smooth muscle cell energies experienced so far.

In the present application, damage values are relatively low and no localized
deformation has been observed. To avoid the loss of uniqueness of the underlying
boundary value problem in the context of larger damage values, we recommend
the use of gradient enhanced damaged models, see [32, 35] for details.

In general, it would be possible to also include viscous effects. However, viscosity
plays a rather minor role in arterial clamping. Firstly, in view of the application
of tissue overload prevention in surgery, an overestimation is more acceptable
than an underestimation. Not including viscosity will result in an overestimation
of the loading. Secondly, during surgery, the typical movements of a surgeon
are at a rather low frequency of maximally 2 Hz [23].

7.3 Computational modeling of arteries

This section addresses the implementation of the arterial model into the finite
element program Abaqus.
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7.3.1 Implementation

The constitutive model is implemented in the Abaqus user subroutine
UANISOHYPER_INV, a family of subroutines designed for anisotropic, hyperelastic
material models, in which the strain energy density function Ψ is formulated
as a function of the strain invariants. This subroutine can handle and update
solution-dependent internal variables and requires that the derivatives of the
strain-energy function are defined with respect to the scalar invariants Ī1, Ī2, Ī3,
Īfib

4 , Īfib
6 , Īsmc

4 , which are provided as input. It is called at each integration point
during each load increment to calculate the total strain energy Ψ and its first
and second derivatives with respect to the invariants ∂Ψ/∂ Īi and ∂2Ψ/∂ Īi∂ Īj
for i, j = 1, 2, 3, 4fib, 6fib, 4smc.

Through the input file, a local coordinate system must be set, containing the
local directions αfib for the collagen fibres and αsmc for the smooth muscle
cells. When defining the material, memory must be allocated for nine solution-
dependent state variables, namely the damage driving forces βmat, βfib1 , βfib2 ,
and βsmc, and the damage thresholds Ψmat

0 , Ψfib1
0 , Ψfib2

0 , and Ψsmc
0 . The ninth

state dependent variable is the relative sliding urs in the actin-myosin complex,
which needs to be stored because of its viscous nature.

The anisotropic, hyperelastic, user-defined material model must be specified
with all the material parameters described above, choosing the options
‘formulation = invariant’, ‘local directions = 3’ and ‘type = in-
compressible’. A conceptual drawback of the UANISOHYPER_INV subroutine
is that it does not provide access to the time step of the solution process,
which should be known for correct programming of the viscous evolution law
described in equation (7.20). This implies that the exact time step is only
known if a fixed time increment is set, by adding the option ‘direct’ to
the keyword ‘static’ in the inputfile. Otherwise, only the minimum and
maximum allowable time step can be externally prescribed.

7.3.2 Model problem of cyclic uniaxial tension and compres-
sion

The new constitutive model was tested for the simple model problem of
cyclic uniaxial tension and compression using a hexahedral C3D8H element.
Homogeneous boundary conditions were applied, namely a gradually increasing,
sawtooth stretch pattern, as shown in Figure 7.1. To explore the parameter
sensitivity of the model, four different sets of material parameters were compared
in tension by altering the smooth muscle cell stiffness µsmc and the damage
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Figure 7.1: Strain profile for homogeneous cyclic uniaxial tension and compression
test. ε11, ε22 and ε33 are the strains in the three principal directions. The lines in the
block depict the average direction of the two collagen fibre families and the smooth
muscle cells.

Table 7.1: Parameter sets for cyclic uniaxial tension and compression test in Section
7.3.2. All other material parameters can be found in Table 2.

Parameter Var 1 Var 2 Var 3 Var 4
µsmc 0.0 kPa 0.0 kPa 0.2 kPa 0.2 kPa
γi 0.0(−) 0.9(−) 0.0(−) 0.9(−)
i = mat,fib, smcpas, smcact

weighting factor γi, see Table 1. All other parameters were selected according
to the rationale explained in Section 7.4.2 as shown in Table 2.

As a first benchmark test, the three-constituent damage model was compared
to the Abaqus implementation of the standard Holzapfel-Gasser-Ogden model,
where the smooth muscle cell stiffness µsmc and the damage weighting factors γi
were set to zero (variation 1). Both simulations yielded exactly the same results,
verifying the correct implementation of the baseline model. Next, different
features of the model were gradually added and evaluated for consistency. Figure
7.2 shows the stress-strain curves for the prescribed loading pattern from Figure
7.1 for four variations of the new material model in tension and two variations
in compression. By turning off the smooth muscle contribution µsmc and the
damage γi = 0 in variation 1, the model captures the Holzapfel-Gasser-Ogden
material by Abaqus as a special case. When the damage material parameter γi
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is increased to 0.9 (-) in variation 2, the dashed red curve is obtained, showing
the progressive failure of the fibres and matrix material. When the smooth
muscle stiffness µsmc is increased to a value of 0.2 MPa in variation 3, the
solid green curve is obtained. It shows how, in the fully contracted state, the
smooth muscle cells actively contribute to the stiffness. A slight effect of the
contractile element can be observed. When the damage material parameter γi
is increased to 0.9 (-) in variation 4, the solid red curve with arrows is obtained,
clearly demonstrating the progressive smooth muscle cell degradation as well
as the degradation of the fibres and the smooth muscle cells. By increasing or
decreasing the damage weighting factor γi within the range 0 < γi < 1, the
solid red curve with arrows decreases or increases, respectively, bounded from
above and below by the solid green and dashed blue lines.
The solid black curve is obtained when loading variation 1 or variation 3 of the
model in compression. In this regime, the smooth muscle cells do not contribute
and the fibres contribute only very slightly due to their small angle w.r.t. the
loading direction. The grey curve, finally, is obtained when variations 2 or 4 are
loaded in compression. Again, progressive degradation (of the matrix material)
can be observed. Note that in these last two curves the absolute values of the
stress and the strain are provided.

7.4 Smooth muscle cell damage through clamping

The three-constituent damage model is put to use to simulate the damage process
occurring during the clamping of a rat abdominal artery. To test the realism of
the model, the results were compared to actual experiments, more thoroughly
described in [13], in which the abdominal arteries of rats were clamped up to a
defined clamping force. Subsequently, to quantify the degradation of the smooth
muscle cells, the contracting capability of the clamped segment was measured
in a myograph as explained in Section 7.4.1. Both experimental processes, i.e.,
arterial clamping and subsequent myograph testing, were simulated numerically
using the three-constituent damage model as described in Section 7.4.2.

7.4.1 Experimental model

Arterial clamping

In order to correlate the degree of damage to the degree of mechanical loading
to which the tissue was previously subjected, loading should be applied in a
controllable way. Ideally, loading should be applied in vivo, so that the induced
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Figure 7.2: Stress-strain curve for a homogeneous cyclic uniaxial tension test and a
compression test. Curves correspond to healthy smooth muscle, fibres and matrix
material (solid green), progressively damaging smooth muscle, fibres and matrix (solid
red with arrows), no smooth muscle with healthy fibres and matrix (dashed blue),
and progressively damaging fibres and matrix (dashed red), all in tension. The solid
black curve corresponds to healthy material in compression, and de solid grey curve to
progressively damaging material in compression. Note that in these last two curves the
absolute values of the stress and the strain are provided. The prescribed loading profile
is shown in Figure 7.1. The different sets of material parameters are summarised in
Table 1.

damage can be solely attributed to the loading and not to non-physiological
ex vivo conditions. Since subsequent damage quantification requires excision
of tissue, undamaged control segments should also be excised and tested as
controls, to rule out damage due to the excision process. To clamp the artery
in a controlled way, a hand-held mechanical device, shown in Figure 7.3, was
designed that allows clamping of a rat abdominal artery in an in vivo setting
to a known force, measured with strain gauges on the clamping arms [13].

Functional damage assessment

One damage quantification method is to compare the degree of functionality
of a damaged tissue to that of an intact one. For the specific case of arterial
tissue, functionality refers to the vasoregulating capability of the tissue, i.e., the
potential of the smooth muscle cells to contract or relax in order to regulate
the blood pressure. This vasoregulating capability can be quantified in an
experimental setup, known as a ‘myograph’.
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Figure 7.3: Mechanical clamping device.

Schematically shown in Figure 7.4, the myograph consists of a water-jacketed
organ chamber in which an excised cylindrical section of an artery can be
mounted. Two rods slide into the lumen of the sample, whereby one rod is
connected to the base of the setup, and the other to a load cell suspended
above the setup, so that isometric tension can be recorded. The height of the
load cell can be manually adjusted to set an optimal preload on the sample.
The sample is immersed in a Krebs buffer at 37 ◦C and continuously gassed
with a mixture of 95% oxygen and 5% carbon dioxide. After stabilization
at the optimal preload level, Phenylephrine (PE) at 10−6M is added to the
solution to induce contraction. PE is a contracting agent that acts directly
on the smooth muscle cells. Sodium nitroprusside (SNP) (10−6M) induces
an endothelium-independent relaxation so consequently an adequate level of
SNP-induced relaxation will indicate intactness of the smooth muscle cells [7].
Absolute values of relaxation as well as the percentage of relaxation relative to
the amount of contraction are recorded and provide a quantitative measure of
the damage to the smooth muscle cells when comparing these values to those of
an intact sample. More details on the experimental setup can be found in [13].
A similar custom-designed device to test active force generation in response to
electrical stimulation is reported in [6].

7.4.2 Computational model

Arterial clamping

A three dimensional finite element model was built in Abaqus/Standard 6.10-2.
Here, an idealised cylindrical geometry was used with an outer radius of 0.58
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Figure 7.4: Custom made
functional testing device.
Two rods slide into the
lumen of the sample, one
rod is connected to the
base of the setup, the
other to a load cell sus-
pended above the setup,
so that isometric tension
can be recorded. The sam-
ple is immersed in water-
jacketed organ chamber
filled with Krebs buffer.

Force 
cell

O2 / CO2

mm, a wall thickness of 0.14 mm and an initial length of 0.1 mm. These
values were obtained from measurements on rat abdominal arteries described
in [14]. The mesh density was chosen according to the rule of thumb that in
bending situations, there should be at least four elements through the thickness.
Here, because of severe bending, six instead of four elements were taken across
the thickness, and seeding in other dimensions was chosen to ensure regular
elements. For the generation of real patient-specific models, we refer to [33] or
[4]. C3D8H elements were assigned to the mesh. The numerical implementation
of arterial clamping is subdivided into two steps, (i) the setting of the initial
damage level and (ii) the clamping process. Figure 7.5 shows all steps of the
clamping simulation.

In the first part, an opened cylindrical segment with an opening angle of 60◦
is closed to account for the circumferential residual stresses [3]. Next, the
segment is longitudinally stretched by 50%, to account for residual stresses in
the longitudinal direction. These values for the residual stresses were obtained
from experiments described in [14]. In the third step, the segment is inflated
to an internal pressure of 16 kPa. The material model used in this step is the
undamaged three-constituent damage model, however, without accumulation of
damage. At the end of the third step, the undamaged elastic strain energy of
each of the four constituents is written into a matrix of internal or ‘solution
dependent variables’ for each integration point, using Python scripting. These
are the initial damage threshold levels Ψi

0, described in equations (7.12), (7.16)
and (7.23) to be used in step 4.

Step 4 starts with a new input file, in which the state of the artery after the first
three steps is imported. By importing, the deformations are included as ‘initial
values’ for the model. The solution dependent variables defined above contain
the damage threshold levels Ψi

0 specified as ‘initial conditions’ in the input file.
The material model is now updated to enable damage accumulation, γi > 0,
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Figure 7.5: Schematic overview of the seven steps in the FE simulation representing the
loading history of arterial clamping (steps 1-4) and the functional damage assessment
(steps 5-7).

and four extra solution dependent variables, representing the βi described in
equations (7.12), (7.16) and (7.23) are added. In addition, two extra parts
are added to the assembly of the system, namely an upper and lower clamp,
which are gradually moved towards each other during step 4, until a clamping
force of 5 mN is reached. A friction coefficient of µclamp = 0.5 is used between
the clamp and the outer arterial surface. Finally, also the internal pressure
boundary conditions are modified to a pulsating pressure between 10 and 16
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kPa, that gradually decays to zero when the vessel is completely closed. To
keep track of the maximum energy level reached for each constituent at every
integration point of the system, the four extra solution dependent variables are
updated and stored at each step as internal variables βi. At the end of the
simulation, these solution dependent variables are again written to a matrix
using Python scripting to inform the next step.

Functional damage assessment

After clamping, damage has accumulated in the different constituents. For the
smooth muscle cells, this amount of damage can be calibrated and validated
in a myograph, as explained in Section 7.4.1. The simulation starts from
the same mesh as in step 1 of Section 7.4.2. This time, however, the initial
conditions are specified for the solution dependent variables taking into account
the earlier loading history through the internal variables βi. The material model
is adapted, such that damage due to the energy accumulation of clamping is
present, but no further damage is induced. Similar to step 1 of Section 7.4.2,
the segment is closed to form a half cylinder in step 5, thus incorporating the
circumferential residual stress. To reproduce the experimental situation, this
time, no longitudinal stretch or internal pressure was added. Next, in step 6,
a rod is translated radially from inside the section, pulling it until it exerts a
certain load, corresponding to the experimentally measured value after complete
relaxation due to the addition of SNP. A friction coefficient of µrod = 0.5 is
used between the rod and the outer arterial surface. Up to the end of step 6,
no smooth muscle cell contribution is added in the material model. This is
accomplished by multiplying the fractions nIII and nIV with a switch function
that is set to zero in steps 5 and 6.

After reaching the relaxed state, in the final step, the switch function is smoothly
ramped to one, so that the smooth muscle cells reach the completely contracted
state. Physiologically, this situation corresponds to the state after the addition
of PE. In this step only, because of the time dependence of the evolution law
for the relative sliding urs, the time step of the implicit solution scheme is fixed
to dt = 10−5. Figure 7.5 gives a schematic overview of all seven steps of the
simulation.

Parameter selection

Table 2 gives an overview of all parameters of the material model. The first set
of parameters are related to the extracellular matrix with two embedded fibre
families. For the rat abdominal aorta, the main direction of the collagen fibres
αfib is set to ±5◦, i.e., it is almost aligned with the circumferential direction,
see [41]. The four remaining parameters are set to κ = 0.16 (-), k1 = 32.51
kPa, k2 = 3.05 (-) and c = 23.63 kPa, by using experimental data from extension-
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inflation tests as described in [14]. Alternatively, a parameter set from human
arteries can be found in [50].

The next set of parameters are the rate constants of the chemical model
defining the fractions nIII and nIV in equation (see equation 7.19). They are
chosen according to [22]. These values led to the fractions of nIII = 0.164
and nIV = 0.547, which were used as fixed input values into the mechanical
model. Additional parameters are related to the mechanical model of the
smooth muscle cell contribution. According to [41], the smooth muscle cells
of rat abdominal arteries are oriented circumferentially with αsmc = 0◦. The
parameter µsmc depending on the stiffness of the actin-myosin filament structure
and the parameter κc related to the driving force per cross-bridge were both
tuned to fit the experimental contraction measured in the myograph due to
addition of PE for a previously undamaged segment, as described in Section
7.4.1. The viscous damping constant η was set to 60 MPas, corresponding to
the value used in [40].

To characterize damage progression appropriately, two parameters need to be
calibrated for each constituent, plus two additional ones for the smooth muscle
cells, totalling ten parameters. Since the myograph experiment only allows for
damage quantification in the smooth muscle cells, with the current setup, no
reasonable damage parameters can be defined for the extracellular matrix and
the collagen fibres. Additional complementary experiments will be needed for
this task, as discussed in Section 7.5. Accordingly, here, γmat and γfib were
set to zero, such that mmat and mfib can take any arbitrary value. Secondly,
the assumption was made that, during clamping, the smooth muscle cells were
completely passive, and thus not contributing to the stiffness. Consequently, no
damage could accumulate here, so that γsmc

act could also be set to zero, and msmc
act

to an arbitrary value. The two remaining parameters γsmc
pas and msmc

pas were then
calibrated using the experimental data. For a systematic approach to calibrate
damage material parameters in a heterogeneous setting, the reader is referred
to [35].

7.4.3 Results

The top image in Figure 7.6a shows the maximum principal stress in an arterial
segment in the systolic physiological state. This state defines the damage
threshold above which damage is initiated. In the lower image of Figure 7.6a,
the maximum principal stress is shown for the same arterial segment when
clamped up to a clamping force of 5 mN. Figure 7.6b shows the same set of
images, this time displaying the elastic strain energy in the matrix material,
Ψ̂mat, i.e., the driving force for both isotropic matrix damage dmat and passive
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Table 7.2: Parameters used in the finite element model.

matrix material
Parameter Value Source
c 23.63 kPa [14]
γmat 0 (-) Not studied
mmat / kPa Not studied
collagen fibres
Parameter Value Source
αfib ±5◦ [41]
k1 32.51 kPa

[14]k2 3.05 (-)
κ 0.16 (-)
γfib 0 (-) Not studied
mfib / kPa Not studied
smooth muscle cells - chemical rate constants
Parameter Value Source
κ1, κ6 0.14 s−1

[22]κ2, κ5 0.5 s−1

κ3, 4κ4 0.44 s−1

κ7 0.01 s−1

smooth muscle cells - mechanical constants
Parameter Value Source
µsmc 0.25 MPa Fitted to experiments
κc 0.93 MPa Fitted to experiments
η 60 MPa s [40]
αsmc 0◦ [41]
γsmc

act 0 (-) Not studied
msmc

act / kPa Not studied
γsmc

pas 0.9 (-) Fitted to experiments
msmc

pas 0.03 kPa Fitted to experiments

smooth muscle cell damage dsmc
pas . As shown in the lower image of Figure 7.6c,

the clamping has induced an inhomogeneous damage pattern to the smooth
muscle cells. Even when the segment returns to its reference state (top image
in Figure 7.6)c, this damage is irreversible and remains.

Figure 7.7 shows snapshots of the myograph experiment, with the colour code
depicting the maximum principal stress. The left graph of Figure 7.8 shows
the force measured in the rods of the myograph as a function of time, for a
previously undamaged segment, solid line, and for a segment that was previously
clamped at 5 mN, dashed. The letters along the curve correspond to the stages
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Figure 7.6: (a). Maximum principal stress in an arterial segment in systolic
physiological state (top image), and when clamped up to a clamping force of 5
mN (lower image). (b). Strain energy in the same two segments as in (a). (c).
Damage variable dsmc

pas in the same two segments as in (a), when clamped up to a
clamping force of 5 mN (lower image). This damage remains, even when the segment
returns to its reference state (top image).

shown in Figure 7.7. The first section of the graph corresponds to step 6 of the
simulation, i.e., the pulling of the rod to the passive state. After 2 seconds, the
smooth muscle cells are activated, corresponding to step 7.

The right graph of Figure 7.8 shows the force measured in the rod for a segment
that was previously clamped with the device described in Section 7.4.1 to a level
of 5 mN, normalised to the width of the numerical model, and for a segment
that was undamaged. The force in the rod was also normalised to the width
of the numerical model. Again, in the first section of the graph, the rod is
gradually pulled to reach the passive preload state. At the point indicated with

(MPa)

a b c d e f

Figure 7.7: Different stages of the myograph experiment, with the color code depicting
the maximum principal stress. In stages a,b and c, the rods are being pulled to the
preload force (step 6 of the numerical simulation). In stages d, e and f, the rods
remain in position and the smooth muscle cells are activated (step 7 of the numerical
simulation).
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activate

a

b

c

d

e

f

activate

Figure 7.8: The left graph shows the force measured in the rod of the myograph as a
function of time, for a previously undamaged segment (solid line) and for a segment
that was previously clamped at 5 mN (dashed). The letters along the curve correspond
to the snapshots shown in Figure 7.7. The right graph shows the force measured in the
rod during an experiment, for a segment that was previously clamped with the device
described in Section 7.4.1 to a level of 5 mN and for a segment that was undamaged,
both normalised to the width of the numerical model.

the arrow, PE is added to the Krebs solution, triggering the activation of the
smooth muscle cells. Note that the time scales in the two graphs do not agree.
To calibrate the model appropriately, an additional time parameter would have
to be included into the model. Here, however, we were only interested in the
end result of the curve, rather than in calibrating the model to real physical
times.

7.5 Discussion

In this paper, a three-constituent damage constitutive model was proposed to
simulate the damage process in arterial tissue. After testing the model in a
homogeneous model problem under cyclic uniaxial tension and compression, it
was used in a finite element simulation for the clamping of an artery and the
subsequent damage evaluation in a myograph. The model enables the analysis
of the inhomogeneous damage profile in the artery due to loading, quantitatively
showing which constituents and which sections are overloaded, compared to
the physiological state. In response to overload, driven by the free energy,
anisotropic damage develops in the smooth muscle cells. The three-constituent
damage model and numerical simulation provide a useful tool to explore safe
loading of arterial tissue. Being able to reliably predict loading regimes which
initiate tissue damage is important in view of robotic surgery, which lacks the
natural feedback of human touch, by which the experienced surgeon today
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guarantees safe tissue loading.

The material model described in Section 7.2 introduces a large set of parameters,
which need to be experimentally defined for each tissue type. Extensive
experimental data from a range of different experiments is required to correctly
calibrate all parameters. Section 7.4.2 comments on the rationale behind the
parameter selection for this study. The goal of this study was to demonstrate the
feasibility of the proposed model and to illustrate a conceptual methodology for
the damage characterization in smooth muscle cells. Accordingly, less emphasis
was placed on the exact parameter identification for the other model parameters.
As explained in section 7.2.2, four damage processes can be captured by the
model, one for each constituent. Each damage process is assumed to be driven by
the individual free energy of that constituent. For smooth muscle cells, passive
damage is also affected by the energy in the matrix constituent. Here, we focus
in particular on this last passive part of damage, assuming that smooth muscle
cells are inactive during the real clamping process. The damage parameters
were chosen to correspond to the results of an ex vivo experiment. In the future,
further experiments will be performed with different clamping force levels to
calibrate the model for a wider loading range. To enable numerical comparison
with higher clamping force levels, it might become relevant to remesh the the
clamped segment to avoid excessive element distortion. However, remeshing
would require the mapping of the solution, both from the node points and from
the integration points, onto the new mesh, a feature currently still lacking for
anisotropic materials in Abaqus 6.10.

In order to accurately identify the damage parameters for the different
constituents, different, ideally orthogonal, experiments are required that enable
the extraction of this specific information. Damage in the collagen fibres
under tension can possibly be studied using microscopic images of the tissue at
different stages in the stretching process and assessing the images for collagen
rupture. In fact, the extension-inflation tests that were used here to calibrate
the undamaged baseline parameters of the Holzapfel model most probably
already induced damage to both collagen fibres and matrix in the higher
pressure regimes. Damage in the collagen fibers and matrix should therefore
ideally be calibrated simultaneously, possibly through extension-inflation tests.
Damage to the smooth muscle cells is assumed to depend on both damage of
the passive extracellular matrix and damage of the active smooth muscle cells
themselves. Damage in the passive regime has been observed and characterized
experimentally in [13], and was calibrated in this manuscript using these data.
It results in a reduced activation capability, which will only become apparent
upon activation. Damage in the active regime is caused by excessive tension in
the direction of the contractile unit, which might cause ruptures in the myosin
cross-bridges or rupture of the actin and myosin filaments. It is included here
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merely theoretically for the sake of completeness, but has not been calibrated
yet. We are currently in the process of further investigating these phenomena
to characterize the mechanisms underlying active damage.

Note also that in the finite element model, the artery was modelled as a single
homogeneous layer, even though the wall consists of two solid mechanically
relevant layers, i.e. the media and the adventitia. However, in the case of a
rat abdominal artery, the complete wall thickness is only approximately 0.14
mm thick, and in contrast to human tissue, it is impossible to separate these
two layers from each other. Therefore, the most accurate approach was to
model the wall as a single layer. The assumption was also made that damage
initiates once the energy level exceeds that of the energy level at systolic blood
pressure. This was motivated by the fact that the morphology and properties
of the arterial wall change due to chronic hypertension [37], but whether this
actually justifies this assumption for acute damage scenarios should still be
experimentally validated.

Although the three-constituent damage model already captures a number of

Figure 7.9: Uniaxial tensile test on a circumferentially oriented strip of a sheep carotid
artery. The test was performed on a tensile test bench (INSTRON 5567). Cyclic
loading at gradually increasing levels of elongation was applied at a crosshead speed
of 1 mm/s. The tests were performed with continuous recording of tensile force, with
a 1kN load cell and gauge length, based on crosshead displacement, at a sampling
frequency of 10 Hz. Cycling up to a certain strain level was performed five times
before the next strain level was reached, for six increasing levels of strain.

typical features of cardiovascular tissue, some characteristic aspects are still
not included, and a few limitations remain. When qualitatively comparing
the simulated homogeneous cyclic tension test described in Section 7.3.2 to
the experimental results of a uniaxial tensile test on a sheep carotid artery,
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shown in Figure 7.9, several features, e.g., tissue nonlinearity and discontinuous
softening are accurately captured. However, in the tensile test on the sheep
carotid artery, cycling up to a certain strain level was performed five times
before the next strain level was reached, and clearly softening does continue in
these cycles, even though the maximum energy level, the parameter β in our
model, is not increased. This continuous damage behaviour was not captured
with the damage model used here. Moreover, the damage variables introduced
in this model mainly capture acute effects, while chronic effects such as repair
and/or remodelling have not been considered for the time being. These effects
should be investigated, keeping in mind the trade-off between realism of the
model and its usability. The correct identification of the material parameters
obviously becomes more challenging as more effects are incorporated in the
model.

The ultimate goal of this research project is to minimize tissue trauma during
surgery, for which damage thresholds need to be identified. These thresholds
should be defined in close collaboration with surgeons and biomedical researchers,
experimentally assessing the level of damage due to loading and defining which
damage levels are still acceptable, taking into account long-term effects of
damage accumulation but also self healing. These critical damage levels can
then be correlated to the internal damage variables d. Once the damage
variable of a constituent has reached a certain level, the damage is set to be
unacceptable, and robotic loading should be stopped automatically. Future
research will therefore also be directed towards algorithm speed-up, e.g., through
parallelised implementation in the GPU with NVIDIA Compute Unified Device
Architecture.

Predictive computational modeling of tolerable damage thresholds is clinically
relevant in two ways: on the one hand, in the short term, the proposed model
can be used as a simulation tool to optimize surgical tools, for example, to
improve clamp design to minimize tissue damage. On the other hand, in the
long term, the proposed model could enable the prediction of surgically-induced
damage evolution in real-time. This would allow loading thresholds to be
imposed on surgical instruments during an operation in a robotic teleoperation
setting.
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This chapter will discuss the main conclusions that can be drawn from
this PhD work. As explained in part I, the concept of tissue damage
prevention in surgery can be subdivided into a fundamental research
track and an applied research track. The fundamental research track
deals with the definition of the thresholds for tissue loading, and was
elaborated on for the specific case study of arterial clamping. Six
concrete research objectives were formulated. Below, the degree to
which these objectives have been accomplished will be evaluated. Also,
suggestions for future work in the direction of further fulfillment of the
objectives are made, work which in some cases is already ongoing.

The applied research track was outlined conceptually in part I of this
PhD, and it is clear that a considerable amount of future research
can be delineated in various disciplines. Two of these tracks, related
to biomechanics, will be shortly described. Finally, some general
conclusions on the added value of this PhD are drawn.

Chapter 8

Conclusions and outlook
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8.1 The fundamental research track: defining
damage thresholds

8.1.1 The research objectives revisited

Objective 1: Formalize the methodology for damage quantification in the artery

Evaluation

Damage to a certain tissue can be characterized as a reduction of mechanical
and/or biological function. For arterial tissue, the main biological function is the
vasoregulating capability, which is controlled by the contraction and relaxation
of the smooth muscle cells, that are in turn activated by the endothelial cells.
In this PhD, two methodologies were defined and performed to quantify this
damage to the biological function. The first, a myograph setup, was used to
quantitatively evaluate the integrity of both the smooth muscle cells and the
endothelial cells, by measuring the contractile response in reaction to certain
vasoconstricting and vasodilating agents. The second method, histological
staining with H&E allowed a quantification of the amount of endothelial cells
left in the intimal layer, as well as a qualitative evaluation of state of the collagen
fibres, by assessing waviness and rupture. In conclusion, both methodologies
were capable of providing quantitative data w.r.t. damage to the endothelial
cells and the smooth muscle cells, which led and will continue to lead to useful
data for the definition of thresholds for arterial clamping.

Ongoing and future work

The methods described above are suitable for damage to smooth muscle cells
and endothelial cells. Alternative methods should be explored that 1) focus
on other constituents and other tissue types, 2) that provide higher spatial
resolution information, and 3) that are less or non-invasive and consequently
better suited for in vivo follow-up of damage.

1) Damage to other constituents or processes can be imaged by applying specific
stainings and visualizing through the corresponding microscopic techniques. For
example, in immunofluorescence microscopy, specific antibodies can be labeled
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with a fluorophore, to visualize endothelial morphology (e.g. with CD31), the
smooth muscle cells (e.g. with alpha-smooth muscle actine), elastin (e.g. with
anti-elastin) and collagen (e.g. with anti-collagen IV). Cell-proliferation and
cell-death can also be visualized through immunofluorescence microscopy, for
example with a TUNEL assay, or with a combined PI (propidium iodide) and
syto 13 staining. Propidium iodide (PI) stains all cell nuclei red, whereas
syto13 stains only intact nuclei green. The combination of these two stainings
therefore yields a ‘live-dead’-staining, after which image processing can reveal
the percentage of cell death in different regions.

In collaboration with Stefan Vinckier from the V.I.B. (Vlaams Instituut voor
Biotechnologie), preliminary tests were performed to assess the potential of the
PI - syto13 staining. A rat abdominal artery was clamped with a typical surgical
mosquito clamp, after which the entire abdominal artery (from the renal side
branches to the bifurcation) was excised, placed on a petri dish and fixed into
place with agarose gel. The live-dead staining was performed according to the
protocol described in [8, 7] and the entire segment was imaged in a two-photon
microscope, yielding the results shown in Figure 8.1.

A high concentration of dead cells could be discerned in the central section
of the artery, where it was clamped by the mosquito clamp. This shows the
potential of the technique, and future work should focus on exploring the full

Figure 8.1: Live-dead staining in a two-photon microscope. The left figure shows a
rat abdominal artery after it was clamped with a mosquito clamp. The central area
colours red, indicating where the clamps exerted excessive pressure, thereby killing
the cells. Imaging was performed in collaboration with Stefan Vinckier, from the
V.I.B. The right figure shows a 3D reconstruction of a mouse mesenteric artery, with
a similar staining (live cells were stained with blue syto 41 instead of green syto13)
performed by Megens et al. [8], showing the potential of the two-photon microscope
for high resolution damage quantification.
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potential of the two-photon microscope, i.e. a 3D-scanning of the entire segment,
as already performed by Megens et al. [8], and shown in Figure 8.1.

2) Higher spatial resolution than with classical bright-field microscopy can be
obtained with confocal microscopy, where the laser beam is focused on a certain
focal volume and scans an XY-plane, at a resolution of up to 200 nm. Not only
surface information, but even information in three dimensions can be acquired,
as the laser beam is able to focus on layers beneath the tissue surface. Even
more accurate and also providing information deeper inside the tissue is two-
or multi-photon laser scanning microscopy, which decreases background noise.
Scanning electron microscopy and transmission electron microscopy are also able
to provide high resolution information up to 1 nm. The potential of all these
techniques for damage assessment is currently further investigated by Rachel
Geenens of the division of Experimental Cardiac Surgery, in the framework
of a KU Leuven interdisciplinary research project (IDO) on tissue overload
prevention in cardiovascular surgery (TOPiCS).

3) Less or non-invasive information is needed to facilitate the study of long-term
effects, as less test specimens and thus less animal sacrifice will be needed if
one animal can be evaluated in a follow-up study. Non-invasive techniques
will also be needed when thresholds are defined for human tissues, which is
of course the ultimate aim. MRI-imaging is non-invasive, but it is uncertain
whether information can be acquired at an acceptable resolution with the current
state-of-the-art equipment. A promising technique is that of photo-acoustic
imaging, commercialized by VisualSonics® , of which a device has recently been
acquired by our university. With this technique, tissue is illuminated with a
laser, upon which tissue-specific thermoelastic expansion occurs. This expansion
then creates an ultrasound wave which can be detected with an ultrasound
transducer. The technique is non-invasive and works in real-time. The optical
contrast obtained through the thermal expansion is combined with the spatial
resolution and tissue penetration of ultrasound [2]. Quantities such as total
hemoglobin concentration and oxygen saturation can be acquired through this
technique.
Another promising technique is that of fibre confocal imaging, commercialized
by Mauna Kea Technologies in the form of a Cellvizio® probe. A confocal
microscope is miniaturized into a high-resolution fibre bundle, so that it allows
real-time endoscopic imaging of fluorescent tissues, cells and markers at a micron
level [1].
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Objective 2: Design a device for controlled in vivo loading of an arterial segment

Evaluation

A clamping device for in vivo clamping of rat abdominal arteries was designed
and used to clamp a range of arteries up to different clamping forces, after
which the induced damage was evaluated. A stepper motor was used to displace
one of both clamping arms up to a desired position, controlled by the force
measured in the strain gauges attached to this clamping arm. A user-friendly
interface in Labview allowed the force controlled displacement of the clamp
arm, whilst force duration and magnitude were recorded during the experiment.
Though used for rat abdominal arteries in this study, it is also suited to clamp
other tissues.

Ongoing and future work

Although the clamping device has already provided valuable information to
allow the definition of a relation between mechanical loading and damage,
improvements can still be made w.r.t. design. An improved design has already
been realized by Andy Gijbels from the division of Production, Machine Design
and Automation, in the framework of the TOPiCS project. This device is lighter
and thus easier to manipulate and has a more reliable force measurement, as
the magnitude of the force is independent of the length of the lever arm. Its
compact design even allows clamping of smaller arteries, e.g. in mice. The only
drawback is that, in contrast to the previous design, the clamps need to be
closed manually. Currently, a newer design is underway that will also allow
automated closing of the clamps.

A promising track in the direction of controlled loading for damage evaluation is
the design of a setup that allows simultaneous loading and damage evaluation.
This can be achieved by integrating (fibre or classical) confocal microscopy and
(uniaxial or biaxial) tensile testing into one setup. An extra benefit of this
combined setup is that the different constituents can be imaged individually by
using the appropriate staining, which would yield highly valuable results for
parameter fitting of the individual constituents of the damage model.
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Objective 3: Define an adequate material model for arterial tissue

Evaluation

Arteries have a number of interesting mechanical features, such as nonlinearity,
heterogeneity, anisotropy, remodelling and damage. The ideal material model
would take all of these features into account. The Holzapfel-material model
is suitable for physiological loading situations and in the passive state of the
smooth muscle cells, but it is not capable of capturing the active contribution of
the smooth muscle cells, nor the reduced mechanical contribution of the different
constituents when they are damaged. In chapter 7, a new material model is
proposed that extends the Holzapfel-material model with active smooth muscle
cell contribution (according to Murtada et al. [9]), and with individual damage
progression of the matrix material, collagen fibres and smooth muscle cells.

Ongoing and future work

The new material model still does not include all the features of arterial
behaviour, summarized in section 2.3.1. However, when adding features to a
material model, one must always keep in mind the trade-off between realism of
the model and its practical usability. The correct identification of the material
parameters obviously becomes more challenging as more effects are incorporated
in the model. Also, computational speed is inversely proportional with model
complexity. Regardless of this trade-off, the following improvements can still be
made to the model, summarized below. It will depend on the application which
of the features should actually be included.

Damage variables were introduced for each of the constituents. The employed
model for damage is discontinuous, i.e. damage only increases when the strain-
energy increases w.r.t. the previously endured maximum energy level. When
qualitatively comparing the tensile behaviour of a one-element cyclic test to the
results of a uniaxial tensile test on a sheep carotid artery, shown in Figure 8.2, it
is clear that aspects such as nonlinearity and discontinuous softening are nicely
represented. However, in the tensile test on the sheep carotid artery, cycling up
to a certain strain level was performed five times before the next strain level
was reached, and clearly softening does continue in these cycles, even though
the maximum energy level is not increased. This continuous damage behaviour
was not yet captured with the damage model used here.
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Figure 8.2: Qualitative comparison of the new material model (computed for one
hexahedral element, with random material parameters) with the behaviour of a
circumferential strip of a sheep carotid artery. The nonlinearity and discontinuous
damage behaviour is nicely captured, continuous damage behaviour is not.

The endothelial cells were not yet included in this material model. Although
they might not have a strong mechanical contribution, their biochemical and
mechanobiological contribution is extremely important for the functionality of
the artery. A more sophisticated smooth muscle cell contraction model that
incorporates the signaling pathway from the endothelial cells to the smooth
muscle cells would be required.

Long term effects were not considered so far. The mathematical modelling of
long-term effects in the form of growth and remodelling has already been studied
extensively [5, 14, 13]. However, these studies lack validation with experimental
data. Currently, experimental studies are in progress (by Rachel Geenens, in the
TOPiCS framework) to evaluate the long-term effects of arterial clamping. This
data will prove valuable in attempts to incorporate this long-term behaviour
into the material model.
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Objective 4: Define the parameters for the material model

Evaluation

Different experimental setups for material testing of soft tissues in general were
discussed in chapter 5. It was explained how biaxial information is needed to
properly characterize the typical anisotropic behaviour. Extension-inflation
tests on rat abdominal arteries were performed, followed by parameter fitting for
the Holzapfel-material model using a nonlinear least mean squares optimization
scheme, as described in chapter 6. Chapter 7 described how clamping and
myograph tests were performed to find a number of parameters of the new
material model related to the smooth muscle cell contribution and the damage
to these smooth muscle cells. A big challenge here was the definition of the
numerical simulation to which the experimental data must be compared. This
model had to mimic the experimental loading situation, which, due to the
complex loading situation, required finite element modelling.

Ongoing and future work

The parameter fitting in itself, according to the nonlinear least mean squares
algorithm, is already a well-established method. The most challenging part is
the design of the experiment and the definition of the analytical or numerical
simulation to which the experimental data must be fit, which is the subject
of the other research objectives of this PhD. Future work that falls under this
objective involves the application of the established techniques for parameter
fitting on different loading situations and different tissue types. Scientifically,
this does not necessarily pose new challenges, but it will be a labour-intensive
task.
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Objective 5: Construct a finite element model simulating the mechanical loading
process

Evaluation

A finite element model was constructed to simulate the clamping of a rat
abdominal artery. This posed a considerable technical challenge, due to the
three sources of nonlinearity that were present in the material model, namely,
1) the material nonlinearity, 2) the geometrical nonlinearity due to the large
deformations, and 3) the boundary condition nonlinearity due to the contact
between the artery with the clamps as well as the self-contact of the artery’s
inner surface. The simulation provided valuable information on the distribution
of the macroscopic loading, but also on the effect of including residual strains,
the effect of material property variations and the effect of clamp design. To also
allow the monitoring of damage to the different constituents of the artery during
the loading process, the new material model was implemented into a material
subroutine of the Abaqus finite element software. This enabled subsequent
numerical simulation of the reduction of contractile response of the smooth
muscle cells as a consequence of the induced damage.

Ongoing and future work

As with the material model (see objective 3), improvements to the model can
always be made, but at a computational cost and under the condition that
experimental data is available to feed the model. Again, regardless of this
trade-off, the following improvements can be considered:

Currently, modelling clamping forces higher than the equivalent of 1 N
experimental clamping force was impossible due to the excessive distortion
of the elements at a certain point. Experimental data was however obtained
up to 5 N clamping force. By remeshing the distorted model and subsequently
continuing the analysis, these clamping forces should be reachable. Currently,
remeshing using the Hypermesh software is already successful. Mapping of the
solution of the distorted mesh to the new mesh still remains a problem in the
current Abaqus release, due to the anisotropy of the material. In the newest
Abaqus release, this final challenge should also be overcome.
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Layer specific material properties would also improve the accuracy of the finite
element model. Currently, all elements share the same material properties,
which is not the case in reality, as an artery has three distinct layers, namely
intima, media and adventitia. Smooth muscle cells should for example only be
included in the medial layer, and the angles and dispersion of the collagen fibers
should differ in the different layers. This is technically feasible, but requires
accurate histological information on the morphology of each of the layers.

The geometry of the model is currently a simple cylinder. Ideally, the geometry
would be patient-specific, or in this case, lab-animal-specific. It is currently
being investigated whether an adequate 3D reconstruction can be made from
imaging technologies for small animals. Figure 8.3 shows the results of the
segmentation of a rat abdominal artery from a turbo RARE sequence on a
9.4 T MRI scanner(Bruker Biospec 94/20USR) specifically equipped for small
animal imaging. Unfortunately, the level of accuracy achieved here was not yet
sufficient to create a finite element geometry.

Figure 8.3: MRI image and segmented geometry of a rat abdominal artery (red)
and adjacent vena cava (blue). Imaging thanks to Tom Dresselaers, MoSAIC lab,
segmentation thanks to Patricia Lopes, Materialise.
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Objective 6: Formalize the relation between Ψ and d

Evaluation

The final step in the computational framework (section 2.1.3 of chapter 2) was
to define the relation between the strain energy density Ψ and damage di. In
other words, the form of the function f in equation 2.6 in chapter 2 had to be
chosen and parameters for this function had to be found.

The form of this function is an inherent part of the new material model, and
was defined as a function of an internal variable that continuously tracks the
maximum amount of energy that each material point of the tissue has endured.
To find the parameters of this function, a parameter fitting process according to
the scheme in figure 2.10 had to be established. This required knowledge of the
relation between the measured global damage, and the computed local damage:

D =
∫
H(di)dΩ. (8.1)

This relation was defined by another finite element simulation, this time of the
myograph experiment, so that the macroscopic force measured in the setup could
be broken down into a local distribution of smooth muscle cell contributions.
Elements were previously damaged according to the clamping simulation and
thus had a certain local damage di. The simulation then revealed how much
effect this damage di of each of the elements had on the macroscopic force
generated on the rods of the myograph. This macroscopic contractile force
is directly related to the measured damage D, which consequently allowed
parameter definition for the damage function f for smooth muscle cells.

Ongoing and future work

The relation was thus formalized for smooth muscle cells. However, for the other
constituents it is yet to be defined. For constituents that have a clear mechanical
contribution, such as collagen fibres, this process can be quite straightforward,
as their damage is an inherent part of the material model. For constituents that
have a less outspoken mechanical contribution and more a mechanobiological
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contribution, such as endothelial cells, the formalization is more complex, as
it requires knowledge of the mechanobiological pathways. This can form an
interesting subject for future research.

Secondly, a modelling choice was made by expressing the damage as a function of
the strain energy. Different formulations exist to mathematically define damage,
which can be function of measures such as energy, but also deformation, rate of
deformation, etc. Further research should investigate whether the choice made
in this PhD was in fact optimal. Furthermore, damage is a time-dependent
phenomenon. To account for long-term effects, a damage evolution law should
be formulated, describing how the acutely sustained damage evolves in function
of time.

8.1.2 The fundamental research track in a broader
perspective

The formulated research objectives were all directed towards the goal of defining
damage thresholds for the loading of soft biological tissues. However, even aside
from this goal, the advances made in this PhD are valuable in multiple ways:

Improved diagnosis and treatment: Experimental data on damage pro-
cesses is useful not only to define thresholds, but also to gain fundamental
knowledge on these processes, in the view of improved diagnosis and
treatment.

‘Smart’ instrumentation: Knowledge on the loading distribution of a certain
surgical instrument on the manipulated tissue through finite elements
can also aid in the optimization of instrument design. The design should
be optimized such that stress concentrations are avoided even without
real-time tissue damage prevention as explained in section 2.2. A more
elaborate discussion on the different levels of ‘smart’ instrumentation, can
be found in Famaey et al.[4].

Vascular prostheses: Improved knowledge on the material behaviour of soft
biological tissue can also aid in the design of prostheses, which should
be designed to mimic the native tissue as good as possible. However,
the mechanical material properties of vascular grafts, for example, are
currently strongly deviating from the properties of the native arterial
tissue. The experimental and computational experience obtained during
this PhD work has also been used in studies on the mechanical material
properties of tissue-engineered and synthetic prostheses, published in
[3, 10, 11].
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8.2 The applied research track: implementation of
damage thresholds

An overview of the evolutions in surgery has shown that the flow of information
to the surgeon has drastically increased. To allow the surgeon to deal with
this information intra-operatively, it should be processed and presented in an
optimal way. Ideally, to reduce the mental load of the surgeon and to increase
intra-operative safety, part of this information can be implemented into active
constraints on the surgical device. This way, the surgeon is partly relieved from
consciously monitoring potential overload on the manipulated tissues. A further
advantage of active constraints is that, when these constraints are backed up
by biomechanical research as performed in the fundamental research track of
this PhD, the accuracy of the constraints exceeds that of the decision process a
surgeon is capable of making during surgery. Generally, a surgeon would rely
on visual and haptic information in this monitoring process. In the case of
telesurgery, the sense of touch is compromised due to the lack of haptic feedback.
So especially in this case, the implementation of active constraints would be of
great benefit.

Section 2.2 elaborated on the specific steps required to implement damage
thresholds in the form of active constraints during surgery. First of all, a
pre-operative model is needed with patient-specific geometric information as
well as information on the mechanical properties of the tissues. Secondly, intra-
operative acquisition of the position and force of the instruments contacting the
tissues is required, as well as information on the geometric boundary conditions
of the tissue. Next, this pre-operative and intra-operative information needs to
be registered and processed according to the protocol described in 2.2, requiring
the solution of a finite element problem in real-time. Finally, the calculated
constraints need to be implemented into the teleoperation control scheme of
the surgical system, for example in the form of virtual fixtures.

All of these steps require thorough further research, in various engineering
disciplines: image processing, mechanical design, control theory, material
characterization and computational modelling. Narrowed down to the envisioned
future research at the KU Leuven biomechanics section, the aspects related
to the material characterization and computational modelling are of greatest
interest. Two main research tracks were discerned, and have led to the start
of two new PhD projects, namely the study of patient-specificity of material
properties and the study of algorithm speed-up to achieve real-time finite
element computation. These will be discussed shortly below:
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8.2.1 Patient-specific material properties

The extension-inflation tests in chapter 6 were performed on 10 healthy rats.
However, as can be seen from the results, even in this group of very similar
specimens, the interspecimen variation was quite high, with a standard deviation
of up to 30% of the average value. Also in humans, studies have shown that
variability is large [6]. This variability even grows when physiological factors
such as gender, age and pathology are varied [12]. An extra difficulty in humans
is the ethical and practical impossibility to perform accurate in vitro mechanical
tests (such as pressure-inflation) on fresh human tissue.

The goal of a new PhD project by Marija Smoljkić is to identify and design non-
invasive methods to characterize the material properties of human cardiovascular
tissue. Pulse wave velocity tests and carotid echography tests are examples of
existing non-invasive methods to assess the compliance of the cardiovascular
system and the intima media thickness (IMT), which is a measure of the degree
of atherosclerosis. Comparing this non-invasive data to in vitro biaxial test data
from cadavers will allow the validation of the in vivo characterization method.
Ultimately, the aim is to develop an indexing method to classify patients
into material-property groups, based on physiological data (e.g. gender, age,
pathology, blood pressure,. . . ). In a clinical procedure, it would then suffice to
acquire this physiological data to deduce the required material parameters for a
finite element model. This information is useful not only for the concept of tissue
damage prevention in surgery, but also for applications such as personalized
stent design, or patient-specific pre-operative training of a certain procedure on
a virtual surgical simulator.

8.2.2 Real-time finite element computation

The simulation of the clamping of a short arterial segment with Abaqus/Standard
as in chapter 7 takes approximately 4 minutes on a Dell latitude E6520 laptop
with 8 GB RAM memory and four 2.2 GHz intel i7 processors. This is obviously
unacceptable for intra-operative use. In the framework of the PhD of Vukašin
Štrbac, implementation of a finite element code including the new damage
model on the GPU through CUDA parallel programming is currently being
explored. Also, a sensitivity analysis will be performed to assess which features
of the finite element model can be simplified without losing an unacceptable
amount of accuracy.

Note that the finite element needs continuous updating of its position and
deformation, i.e. the geometric boundary conditions of the envisioned tissue,
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and on the position of the instrument relative to this tissue. This requires
a great deal of image processing to extract the necessary features, as well as
dynamic model registration to match the intra-operatively acquired image with
the initial undeformed model.

8.3 General conclusions

A biomechanical framework:

In this PhD, a general biomechanical framework was presented for the definition
of damage thresholds for soft biological tissue, involving experimental design,
biological data analysis, material characterization and computational modelling.
Besides achieving the objectives to define thresholds for the specific case study
of arterial clamping, the developed experimental and computational expertise
was also used in other fields of application, such as tissue-engineering of vascular
prostheses.

Application in robot-assisted surgery:

It was also suggested how the biomechanically defined damage thresholds can
be used to define active constraints during robotic minimally invasive surgery.
The steps required to achieve this goal all require thorough further research
in different fields of engineering: image processing, mechanical design, control
theory, material characterization and computational modelling. Clearly, an
interdisciplinary approach is needed for successful implementation.

An interdisciplinary approach:

Conceptually, the fundamental added value of this PhD work has been the
attempt to bridge the gap:

Between computation and experiment: A large amount of constitutive
models exist for biological soft tissue, but too often these models are not
experimentally validated nor populated with realistic material properties.
In this PhD, the trade-off between model accuracy and practical usability
was considered and effort was invested in the design and performance of
experiments to find actual parameters for the new material model.
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Between (bio)medical science and engineering: Mechanical models great-
ly benefit from biomedical input, as many models exist that are heuristic
in nature, i.e., they match the experimental data of one specific test
setup, but do not explicitly capture underlying structural features and
mechanobiological processes. By working closely together with biomedical
scientists, efforts were made to keep the computational models as close to
the empirical reality as possible. Vice versa, the medical world can also
benefit from engineering technology, of which the envisioned concept of
tissue damage prevention in surgery is a good example.

Between engineering design and biomechanics: The experimental setups
needed to find the parameters of biomechanical material models require
thorough engineering design. On the other hand, this PhD has shown
how finite element models of a surgical manipulation can aid in optimal
design for surgical instruments. Biomedical models in the form of active
constraints on the robotic device will allow increased benefit of surgical
robotic devices and take safety in surgery to the next level.

This PhD provided a framework to define damage thresholds for soft tissues
in surgery, thereby bridging the gap between the biomedical empirical reality
and engineering design and computation. Hence, the foundations have
been laid for an interdisciplinary range of new research tracks in the area of
biomechanics, all directed towards enhancing surgical quality by increasing
intra-operative safety.
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The goal of this appendix is to introduce some basic continuum
mechanics principles and concepts such as stress, strain and strain-
energy, needed to formulate a finite element problem and to obtain a
more thorough understanding of the framework proposed in part I of
this thesis. It is by no means an exhaustive explanation of nonlinear
solid mechanics, for which the reader is referred to, for example, [5, 1].

Appendix A

Continuum mechanics in a
nutshell

217
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A.1 Introduction

This appendix will introduce basic continuum-mechanical concepts such as the
deformation gradient, different measures of strain and stress, and the concept
of hyperelasticity. Finally, Cauchy’s equations of motion, upon which the finite
element formulation for solid mechanics is based, are given.

The text in this chapter has been assembled through study of the following
books and documents:

• ‘Nonlinear solid mechanics, a continuum apporach for engineering’, by
Gerhard A. Holzapfel [1].

• ‘Lecture notes of course ME338 A and B at Stanford University’, by
Adrian Lew [3].

• ‘Abaqus 6.10 Documentation’, Simulia, Dassault Systèmes [4].

A.2 Deformation-related measures

Consider a body in a certain reference configuration B0, where each material
point is described by its coordinate X, as in figure A.1. As the body deforms
in response to external forces, a mapping ϕ can be made from each material

Figure A.1: Deformation of a body.
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point X in the reference configuration B0 to a material point x in the current
configuration Bt:

x = ϕ(X, t). (A.1)

The properties of this body can be represented as vector or scalar fields. These
can be described in two ways, through a material or a spatial description. By
convention, the material description of a vector field is denoted by an upper
case letter, that of a spatial description by a lower case letter.

The material or Lagrangian description of a vector or scalar field refers
to its description in terms of the material coordinates X, i.e. related
to the undeformed, or reference, configuration. The density of a body,
for example, is a scalar field that is most intuitively described with a
Lagrangian description: ρ(X, t), as the density of a body is usually related
to the material.

The spatial or Eulerian description of a vector or scalar field refers to its
description in terms of the spatial coordinates x, i.e. related to the current
configuration. For example, the velocity of a fluid is a vector field that is
most commonly described with an Eulerian description: v(x, t), as the
velocity is usually specific for a certain current location in the fluid flow.

An important vector field related to the deformation in the body is the
displacement field. This is a vector field of all displacement vectors for
all particles in the body, which relates the current deformed configuration to
the reference or undeformed configuration. The material description of the
displacement field is expressed as:

U(X, t) = ϕ(X, t)−X. (A.2)

The spatial description is written as:

u(x, t) = x−ϕ−1(x, t), (A.3)
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In the following paragraph, a number of important deformation-related measures
will be described:

The deformation gradient is defined as the gradient of the deformation map
ϕ with respect to the undeformed position X:

F = ∂x
∂X = ∇Xϕ. (A.4)

The determinant of the deformation gradient , or Jacobian, is J =
det F, and is a measure for the volume change of infinitesimal elements in
the body: J = dv

dV , with dv denoting the current volume of the element
and dV the reference volume.

The right Cauchy-Green tensor is defined as:

C = FTF. (A.5)

The left Cauchy-Green tensor or Finger tensor is defined as:

b = FFT . (A.6)

The invariants of these two tensors are identical and commonly used in
expressions such as the strain energy density function (cfr. below):

I1 = trC = λ2
1 + λ2

2 + λ2
3

I2 = C : C = λ1λ2 + λ1λ3 + λ2λ3 (A.7)

I3 = det C = λ2
1λ

2
2λ

2
3 = J2

where λi, i = 1, 2, 3 are the three principal stretches characterizing the
deformation.

It is often convenient to multiplicatively decompose the deformation gradient
into a deviatoric part, F̄, and a volumetric part, J1/3I. The deviatoric part
captures those deformations that do not entail volume change, whereas the
volumetric part captures pure volume changes.

F = J1/3F̄. (A.8)

Note that if the material is incompressible, J = 1. Hence the deformation is
purely deviatoric in nature:

F = F̄. (A.9)
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To allow an intuitive interpretation of these different measures, let’s consider
a simple case. A patch with initial length L, width W and thickness T , is
stretched up to the current length ` in the y-direction. As a result the other
directions are constricted to width w and thickness t. This corresponds to a
stretch ratio in the x-direction of λ1 = w

W , in the y-direction of λ2 = `
L and in

the z-direction of λ3 = t
T . There is no shear. Consequently, the deformation

gradient can be written as:

F =

λ1 0 0
0 λ2 0
0 0 λ3

 , (A.10)

Let’s assume the material to be incompressible and the amount of constriction in
the x- and z-direction to be equal. As for incompressible materials J = det F = 1,
the stretch ratio’s in the x- and z-direction can be written as a function of the
stretch ratio in the y-direction. Hence, the deformation gradient becomes:

F =

 1√
λ2

0 0
0 λ2 0
0 0 1√

λ2

 . (A.11)

Due to the symmetry of the deformation and thus of the deformation gradient,
the left and right Cauchy-Green tensor are the same and can be written as:

C = b =

 1
λ2

0 0
0 λ2

2 0
0 0 1

λ2

 . (A.12)

For notational simplicity, λ2 will be replaced by λ further on.

A.3 Strain measures

Strain is a description of deformation in terms of relative displacement of
particles in the body. When discussing strain in the case of large deformations it
is important to note that different strain measures exist and one should always
explicitly state which measure is used. The previously described deformation
gradient and the right and left Cauchy-Green tensors are in fact all strain
tensors. Three other commonly used ones are described below.

The Green-Lagrange strain tensor can be defined as:

E = 1
2(FTF− I) = 1

2(C− I) = 1
2(∇U +∇UT +∇UT∇U), (A.13)

with I the identity tensor.
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Y

y

Figure A.2: Simple deformation of a patch. The patch is pulled in the y-direction and,
as a consequence, it shrinks in the x- and z-direction.

The Euler-Almansi strain tensor can be defined as:

e = 1
2(I− F−TF−1) = 1

2(I− b−1). (A.14)

The logarithmic or true strain tensor can be defined as:

ε = 1
2 logC. (A.15)

For the simple case of uniaxial stretching in the y-direction defined above, the
Green-Lagrange strain tensor can be defined as:

E = 1
2

λ−1 − 1 0 0
0 λ2 − 1 0
0 0 λ−1 − 1

 . (A.16)

The 1D Euler-Almansi strain tensor can be defined as:

e = 1
2

1− λ 0 0
0 1− λ−2 0
0 0 1− λ

 , (A.17)

and the 1D logarithmic or true strain tensor can be defined as:

ε = 1
2

−logλ 0 0
0 2logλ 0
0 0 −logλ

 . (A.18)
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A.4 Hyperelasticity

A material is called hyperelastic when a strain energy density function (Ψ)
exists from which stress components can be derived. This strain energy density
Ψ is the energy per unit volume of a material, expressed as a function of the
deformation or strain in the unit volume. Hence, Ψ defines a constitutive relation
between stress and strain, which is obviously material-dependent. In literature,
numerous amounts of constitutive relations have been suggested for all kinds of
materials, ranging from the simplest Hookean law to very complex mathematical
expressions. An overview of possible strain energy density functions for biological
tissues is provided in chapter 5. For illustrative purposes, a simple neo-hookean
model will be repeated here.

The strain-energy density function can be decomposed into a volumetric and
a deviatoric part. As already mentioned in section A.2, the former deals with
volume changes, the latter with isovolumetric or deviatoric deformations. A
possible formulation of the volumetric part for the neo-hookean model can be
written as:

Ψvol = κ

2 (J − 1)2, (A.19)

with κ the bulk modulus of the material.

The deviatoric part of the neo-hookean strain energy density can be written as:

Ψdev = µ

2 (Ī1 − 3), (A.20)

with µ the shear modulus and Ī1 the first invariant of the deviatoric part of the
right Cauchy-Green tensor C̄ = F̄T F̄: Ī1 = J−2/3I1.

The total strain energy density is thus:

Ψtot = Ψdev + Ψvol = µ

2 (Ī1 − 3) + κ

2 (J − 1)2. (A.21)
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A.5 Stress measures

Stress is often simply defined as force divided by cross-sectional area. However,
again in the case of large deformation, different measures exist. The most
commonly used measures are the first and second Piola-Kirchhoff stress and
the Cauchy stress.

The second Piola-Kirchhoff stress is derived from the strain energy density
as:

S = 2∂Ψ
∂C = ∂Ψ

∂E . (A.22)

The Cauchy stress or true stress can be derived from the second Piola-
Kirchhoff stress as:

σ = J−1FSFT (A.23)

The first Piola-Kirchhoff stress , or nominal stress tensor, is defined as:

P = FS = JσF−T (A.24)

At this point, the stress can be explicitly defined for a neo-hookean material,
by plugging equations A.19 and A.20 into equation A.22:

S = 2∂Ψ
∂C = µ

∂(Ī1 − 3)
∂C + κ

∂(J − 1)2

∂C . (A.25)

According to the chain rule and product rule, this yields:

S = µ
∂I1
∂CJ−2/3 + µ

∂J−2/3

∂C I1 + 2κ(J − 1) ∂J
∂C . (A.26)

Knowing that:
∂det C
∂C = det C

C and ∂trC
∂C = I, (A.27)

and thus that:
∂I1
∂C = I (A.28)

∂J−2/3

∂C = ∂I
−1/3
3
∂C = −1

3I
−4/3
3

∂I3
∂C = −1

3I
−1/3
3 C−1 (A.29)

∂J

∂C = ∂I
1/2
3
∂C = 1

2I
1/2
3 C−1 = 1

2JC−1 (A.30)
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yields:

S = µJ−2/3(I− I1
3 C−1) + κJ(J − 1)C−1. (A.31)

Considering the uniaxial stretch case, the second Piola-Kirchhoff stress becomes:

S = µ

3

1− λ3 0 0
0 2− 2

λ3 0
0 0 1− λ3

 . (A.32)

The Cauchy stress equals:

σ = µ

3

 1
λ − λ

2 0 0
0 2λ2 − 2

λ 0
0 0 1

λ − λ
2

 , (A.33)

and the first Piola-Kirchhoff stress:

P = µ

3

 1√
λ

(1− λ3) 0 0
0 2λ− 2

λ2 0
0 0 1√

λ
(1− λ3)

 . (A.34)

To allow an interpretation of these three stress tensors, let’s assume that in the
uniaxial stretch case an unknown force F was applied to obtain the stretch in
the y-direction. The most intuitive stress tensor is the Cauchy stress tensor,
as it relates the force in the present configuration with the area in the present
configuration. In the y-direction this corresponds to:

σ2 = F

a
, (A.35)

with a = wt = A/λ, the cross-sectional surface of the reference configuration.
Combining this equation with equation A.33 provides the value of the unknown
force F as a function of the stretch in the y-direction λ:

F = a
µ

3 (2λ2 − 2
λ

). (A.36)

The first Piola-Kirchhoff stress relates force in the present configuration with
area in the reference configuration. In the y-direction this corresponds to:

P2 = F

A
, (A.37)

with A = WT the cross-sectional surface of the reference configuration.
Consequently,

P2 = 1
λ
σ2, (A.38)
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which corresponds to the findings in equations A.34 and A.33.

The 2nd Piola-Kirchhoff stress tensor relates forces in the reference configuration
to areas in the reference configuration. To obtain the force in the reference
configuration, the force vector F is ‘pulled back’ to F−1F. Hence, in the
y-direction, the 2nd Piola-Kirchhoff stress becomes:

S2 = 1
λ

F

A
= 1
λ
P2 = 1

λ2σ2, (A.39)

which corresponds to the findings in equations A.32, A.33 and A.34.

A.6 Cauchy’s equations of motion

As explained in Appendix B, the finite element formulation for solid structures
is derived from Cauchy’s equations of motion, which satisfy the balance of linear
and angular momentum. A complete derivation of this equation can be found,
for example, in chapter 4 of [1]. The end result of this derivation is repeated
here: Find u : Ω̄→ R, such that:

divσ + b = ρü. (A.40)

σ refers to Cauchy’s stress tensor, described above. b is a spatial vector field
defining the body force per unit of current volume, such as gravity, and is not to
be confused with the Finger tensor of equation A.6. ü is the spatial acceleration
field and ρ is the spatial material density. In the static case, accelerations are
omitted:

divσ + b = 0. (A.41)

This expression is also referred to as ‘Cauchy’s equations of equilibrium’. In the
finite element studies of this thesis, also the gravitational forces are considered
negligible compared to the external forces acting on the structures. Hence, the
equation simplifies even further to:

divσ = 0. (A.42)

The complete boundary value problem for a solid structure becomes:

Find u : Ω̄→ R, such that:
divσ = 0 on Ω,
u = ū on Γgu ,
t = σn = t̄ on Γgσ ,

(A.43)
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with Ω denoting the volume of the structure, Γgu the boundary surface for
which Dirichlet boundary conditions are described, i.e. boundary conditions for
the displacement, and Γgσ the boundary surface for which Neumann boundary
conditions are described, i.e., boundary conditions in terms of surface traction.
t is the Cauchy traction vector, which is the force measured per unit surface
area in the spatial description, which can also be expressed as the inner product
of Cauchy’s stress tensor and the outward surface normal n.

The set of partial differential equations A.43 is commonly denoted as the strong
form of the boundary value problem. Using the principal of virtual work, it
can be rewritten into an expression formulating the balance between internal
mechanical virtual work and the external mechanical virtual work:

δWint(u, δu) =
∫

Ω0

S(E(u)) : δE(u)dV (A.44)

δWext =
∫

Γ0σ

T̄ · δudS (A.45)

Hereby, S is the second Piola-Kirchhoff stress tensor (see equation A.22), E is
the Green-Lagrange strain (see equation A.13) and T̄ is the material description
of the prescribed traction vector. Note that these vector fields are written in
terms of the material description, which explains the subscript 0 in Ω0 and Γ0σ.
The derivation towards this result is not explicitly formulated here, as it can be
found in textbooks such as [1] and [2].
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The goal of this appendix is to introduce the principles of the finite
element method needed to obtain a more thorough understanding of
the framework proposed in part I of this thesis and of the finite element
models for arterial clamping described in chapters 6 and 7. It is by no
means an exhaustive explanation of the concept of finite elements, for
which the reader is referred to textbooks such as [7, 3, 6].
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B.1 Introduction

This PhD deals with nonlinear quasi-static solid-mechanical problems. The
partial differential equations (PDE’s) that constitute the solid-mechanical
problem derive from continuum-mechanical principles, more specifically from
Cauchy’s equation of motion. The finite element method (FEM) is a numerical
technique for finding approximate solutions of these PDE’s. These approximate
solutions are found by solving matrix equations that are derived from the PDE’s
through discretization of the body into a finite number of elements that share
nodes. In fact, the finite element method finds the solution for the degrees of
freedom of these nodes, and then interpolates by means of shape functions to
find a smooth solution for the entire body.

Quasi-static solid-mechanical problems are problems for which it can be assumed
that the loading process is slow enough to guarantee static equilibrium at each
moment during loading. Consequently, dynamic effects do not influence the
solution. However, the equilibrium equations are nonlinear and even when
discretized, they cannot be solved in one step. Two solution schemes exist to
deal with nonlinearity, an implicit and an explicit solution scheme. In both
cases, the problem is subdivided into smaller increments. In each increment
the external load is increased by a certain amount. In an implicit solver, the
nonlinear static equilibrium equations are solved each increment through an
iterative process. In an explicit solver, the solution is solved without iterating,
but by kinematically advancing from one increment to the next.

Section B.2 will start by conceptually explaining the nonlinear finite element
formulation. Section B.3 will then examine typical sources of nonlinearity,
which are all present in the finite element models described in this PhD. In
the following two sections (B.4 and B.5), the implicit and the explicit solution
scheme will be discussed, as they were both used in 7 and 6, respectively.
Finally, details will be provided on how the necessary numerical integrations
are performed in an actual element.

The text in this chapter has been assembled through study of the following
books and documents:

• ‘The finite element method, Linear static and dynamic finite element
analysis’, by Thomas J.R. Hughes [3].

• ‘Nonlinear solid mechanics, a continuum apporach for engineering’, by
Gerhard A. Holzapfel [2].
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• ‘Lecture notes of course ME335 A, B and C at Stanford University’, by
Peter Pinsky [4].

• ‘Nonlinear finite elements for continua and structures’, by Ted Belytschko,
Wing Kam Liu and Brian Moran [1].

• ‘Abaqus 6.10 Documentation’, Simulia, Dassault Systèmes [5].

B.2 Formulation of the nonlinear finite element
problem

In elastostatics, the goal is to determine the steady-state response of a certain
structure to external loads or displacements of the boundaries. In appendix A,
equations A.45 showed how Cauchy’s equations of static equilibrium can be
reformulated as a balance between internal mechanical virtual work and the
external mechanical virtual work:

δWint = δWext. (B.1)

This balance equation should now be solved for the unknown displacement field
u. In finite elements, Galerkin’s approximation method is used to discretize
this solution u. More concretely, the discretized solution uh can be written as
a weighted sum of shape functions Ni. This is where the actual finite elements
come into play. The geometry of the structure is discretized using a collection of
finite elements. Each finite element represents a discrete portion of the physical

Figure B.1: Graphical representation of the finite element problem.
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structure and the elements are connected through shared nodes. The collection
of nodes and finite elements is called the mesh. The shape functions Ni are
designed such that they are zero at every node in the body except at one specific
node. There, the shape function equals one. This allows the discretized solution
to be written in the following form.

uh =
n∑

B=1
dBNB + ūNn+1, (B.2)

where the dB represents the displacement of node B in the discretized solution
uh. The second term in the expression accounts for the displacement boundary
conditions. From here on, the problem can be written as a function of these
unknown displacements di, after which the complete solution is found through
interpolation between the nodes by means of the shape functions.

Once this discretization has taken place, two vectors can be described. The
first is the vector containing all internal nodal forces, denoted by P. For each
node, this is an assembly of forces resulting from the stresses inside the adjacent
elements, as shown schematically in figure B.1. The second vector contains
all the external forces F acting on the structure. This is a vector of the same
length as P, containing zeros for all nodes except for those on which an external
force is acting. Note that in a 3D formulation, each entry contains three values,
i.e., one for each degree of freedom.

For the body to be in static equilibrium, the net force acting at every node
must be zero. Hence, the requirement of balance between internal and external
work can be simplified to a balance between internal and external forces:

0 = F−P. (B.3)

In the nonlinear case, the vector of internal nodal forces P is a nonlinear function
of the nodal displacements di, for reasons explained in the next section. Because
of this nonlinearity, the equation needs to be solved in incremental steps, for
which an implicit and an explicit solution scheme exists, detailed in sections
B.4 and B.5, respectively.
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Figure B.2: Illustration of material nonlinearity of arterial tissue. In phase I, the
collagen fibres embedded in the matrix do not contribute to the stiffness, as they are
completely curled up. In phase II, the tissue is stretched further and the collagen
fibres are gradually recruited as they reach a taut state, causing a stiffening effect. In
the third phase, all fibres are contributing to the material stiffness. Figure adapted
from Ogden et al.

B.3 Sources of nonlinearity

B.3.1 Material nonlinearity

The material under study in this PhD is arterial tissue. As explained in section
2.3.1, the mechanical behaviour of the artery is nonlinear first of all due to the
gradual recruiting of collagen fibres. The collagen fibres are nested in the matrix
material in a wavy pattern. As the tissue is stretched, the fibres only start to
contribute significantly once they are completely taut, as shown in Figure B.2.

Smooth muscle cell contribution and damage are two other phenomena that
contribute to the material nonlinearity, and were discussed thoroughly in chapter
7. In this thesis, the viscoelastic properties of the tissue, which are a form of
time-dependent material nonlinearity, were not taken into account.

B.3.2 Boundary nonlinearity

Boundary nonlinearity occurs if the boundary conditions change during the
analysis. When contact occurs, there is a large and instantaneous change in
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the response of the structure. In the case of arterial clamping, contact occurs
between the outer surface of the artery and the two clamps, as well as selfcontact
in the inner surface of the artery. Due to the geometry of the structure, the
amount of nodes that are in contact will also gradually increase during clamping.

B.3.3 Geometric nonlinearity

The third source of nonlinearity is related to changes in the geometry of the
structure during the analysis. Geometric nonlinearity occurs whenever the
magnitude of the displacements affects the response of the structure. This
may be caused by, large deflections or rotations, buckling-phenomena and by
initial stresses. In the case of arterial clamping, large deformations are present.
Buckling does not occur for the current regular geometry, but might appear
when the geometry is segmented from medical images and is thus more irregular.

Large deformations can ultimately give rise to excessive distortion of the finite
elements in the model. Ideally, the deformed mesh is remeshed before these
excessive distortions occur. The analysis is then continued with the new mesh,
requiring the definition of initial stresses. Implementation in Abaqus is done
using the keyword *MAP SOLUTION in the input file. A possible remeshing
software program allowing hexahedral remeshing is HyperMesh from Altair
HyperWorks®.
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B.4 The implicit solution scheme

Section B.2 showed how the external forces F need to be in balance with the
internal forces P, acting on the body. This requirement is nonlinear w.r.t. the
sought solution for the nodal displacements di. Hence, the solution cannot
be calculated by solving a single system of equations, as would be done in
a linear problem. Instead, the solution is found by applying the specified
loads gradually and incrementally working towards the final solution. The
simulation is subdivided into a number of load increments and the approximate
equilibrium configuration at the end of each load increment is found. It can take
several iterations to determine an acceptable solution to a given load increment.
The sum of all of the incremental responses is the approximate solution for
the nonlinear analysis. This incremental and iterative procedure is done, for
example, in Abaqus/Standard.

The solution process is schematically described in figure B.3. Figure B.4
graphically shows how the solution iteratively advances and converges for a
certain increment. Each iteration, the vector of the internal nodal forces P
needs to be assembled from the element nodal forces pje, for which the expression
according to equation 4.55 of [6] is:

pae =
∫

Ωe
BT
LaSedΩe, (B.4)

with BLa a matrix containing the product of the derivatives of the shape
functions and elements of the deformation gradient, according to equation 4.53
in [6] and Se the 2nd Piola-Kirchhoff stress inside the element.

Also the tangent stiffness matrix Ki+1
k needs to be assembled from all the

element stiffness matrices ke, for which the expression can be found in equation
4.76 of [6] as:

ke =
∫

Ωe
[∇XNa]TSe∇XNb + BT

LaDBLbdΩe, (B.5)

with ∇XNa,b the vector of derivatives of the shape functions and D the
incremental constitutive tensor. A detailed explanation for the derivation
of these equations should be found in [6].

Finding these values thus requires the integration over the element volume.
Section B.6 explains how this can be performed in different ways.
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For a certain increment k
1. Start from the current configuration:

The nodal displacements are dk.
The internal forces are Pk, and equal to the external forces Fk

2. Calculate the tangent stiffness matrix K0
k at this configuration.

3. Add an incremental amount of external load ∆F to the system: ∆F =
Fk+1 −Pk

4. Start the Newton-Raphson iteration to find a new equilibrium dk+1. For
each iteration i:

Solve Ki
k∆di+1

k = Fk+1 −Pk = ∆F for ∆di+1
k .

Check whether ∆di+1
k < ε.

If the above is true: equilibrium has been reached. Move to the next
increment: k ← k + 1.

Else di+1
k = di

k + ∆di+1
k

Calculate the tangent stiffness at di+1
k : Ki+1

k

Move to the next iteration i← i+ 1.

Figure B.3: Scheme for an implicit solution of a nonlinear finite element problem.
Adapted from [5].

B.5 The explicit solution scheme

In contrast to implicit methods, an explicit method, such as that used in
Abaqus/Explicit, does not require the solving of a simultaneous system of
equations or the calculation of a tangent stiffness matrix. Instead, the solution
is advanced kinematically from one increment to the next. The equations of
motion are thus explicitly solved through time, using the kinematic conditions
at one increment to calculate the kinematic conditions at the next increment.
At the beginning of the increment the program solves for dynamic equilibrium,
which states that the nodal mass matrix, M, times the nodal accelerations, ü,
equals the net nodal forces (the difference between the external applied forces,
F, and internal nodal forces, P):

Mü = F−P. (B.6)
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Figure B.4: Graphical representation of the iterative process in an implicit solution
scheme. Adapted from [5].

This is called the dynamic equilibrium. The accelerations at the beginning of
the current increment (time t ) are calculated as:

ü|t = M−1(F−P)|t. (B.7)

Since the explicit procedure always uses a diagonal, or lumped, mass matrix,
solving for the accelerations is trivial; there are no simultaneous equations to
solve. The acceleration of any node is determined completely by its mass and
the net force acting on it, making the nodal calculations very inexpensive.

The accelerations are integrated through time using the central difference rule:

u̇|t+ ∆t
2

= u̇|t−∆t
2

+ ∆t|t+∆t + ∆t|t
2 ü|t. (B.8)

The velocities are integrated through time and added to the displacements at
the beginning of the increment to determine the displacements at the end of
the increment:

u|t+∆t = u|t + ∆t|t+∆tu̇|t+ ∆t
2
. (B.9)

Thus, satisfying dynamic equilibrium at the beginning of the increment provides
the accelerations. Knowing the accelerations, the velocities and displacements
are advanced ‘explicitly’ through time. The term ‘explicit’ refers to the fact
that the state at the end of the increment is based solely on the displacements,
velocities, and accelerations at the beginning of the increment. This method
integrates constant accelerations exactly. For the method to produce accurate



THE EXPLICIT SOLUTION SCHEME 239

results, the time increments must be quite small so that the accelerations are
nearly constant during an increment. Since the time increments must be small,
analyses typically require many thousands of increments. Fortunately, each
increment is inexpensive because there are no simultaneous equations to solve.
Most of the computational expense lies in the element calculations to determine
the internal forces of the elements acting on the nodes Pt+∆t, assembled from
the element nodal forces as in equation B.4. The element calculations include
determining element strains and applying material constitutive relationships
(the element stiffness) to determine element stresses and, consequently, internal
forces. The explicit solution scheme is schematically repepresented in figure
B.5.

At time t for a certain incremental time step ∆t
1. Nodal calculations:

Dynamic equilibrium: ü|t = (M)−1(F−P)|t.
Explicitly integrate through time:

u̇|t+ ∆t
2

= u̇|t−∆t
2

+ ∆t|t+∆t + ∆t|t
2 ü|t. (B.10)

u|t+∆t = u|t + ∆t|t+∆tu̇|t+ ∆t
2
. (B.11)

2. Element calculations:

Compute strain: E
Compute stresses: S from the constitutive equation: S = ∂Ψ(E)

∂E .
Assemble nodal internal forces: Pt+∆t.

3. Set t+ ∆t to t and return to step 1.

Figure B.5: Scheme for an explicit solution of a nonlinear finite element problem.
Adapted from [5].

Quasi-static analysis

The explicit solution scheme is inherently dynamic. Applying the explicit
dynamic procedure to quasi-static problems requires some special considerations.
It is often computationally impractical to analyze the simulation in its natural
time scale, which would require an excessive number of small time increments.
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The goal is to model the process in the shortest time period in which inertial
forces remain insignificant. This can be done by applying mass scaling as the
time increment for which an explicit analysis is stable is proportional to the
square root of the material density ρ. The concept of mass scaling is thus to
artificially increase the mass of the entire model or perhaps only a number of
elements such that the magnitude of the stable time increment can be increased.
Obviously, care must be taken to ensure that the extra amount of non-physical
intertial effects remain negligible.

B.6 Elements

Nearly any shape or structure can be subdivided into a finite number of
continuum elements, such as bricks, tiles, etc. Depending on the structure
and loading situation, a specific element type might be required: continuum,
shell, beam, truss or rigid elements. In this work, only continuum elements have
been used, more specifically linear hexahedral continuum elements.

This type of elements have eight nodes, as shown in Figure B.6. Each
node has three translational degrees of freedom, which are the fundamental
variables that are calculated during the analysis. At any other point in the
element, the displacements are obtained by linearly interpolating from the nodal
displacements.

The elements have a Lagrangian or material description of their behaviour. This
means that the material associated with an element remains associated with
the element throughout the analysis, and material cannot flow across element
boundaries.

Figure B.6: 8-node linear hexahedral element.
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Full integration

During the analysis, various quantities need to be (numerically) integrated over
the volume of each element, i.e., to calculate the tangent stiffness matrix K
and/or to assemble the vector of internal nodal forces P. To this end, Gaussian
quadrature is used, which requires integration points in the volume. In a fully-
integrated, linear hexahedral continuum element, eight integration points are
used, also shown in Figure B.6. However, these fully-integrated, linear elements
suffer from a phenomenon called shear locking, which causes the element to be
too stiff in bending. This excessive stiffness arises from the fact that spurious
shear stress arises because the edges of the linear element are unable to curve
in response to a bending moment.

Reduced integration

Reduced-integration elements reduce the number of integration points by one
in each direction compared to the fully integrated elements. Hence, reduced-
integration, linear hexahedral elements have just a single integration point
located at the element’s centroid. Consequently, the bending mode that resulted
in shear locking for a fully-integrated element is now a zero-energy mode, because
no strain energy is generated by this element distortion. The element is unable
to resist this type of deformation since it has no stiffness in this mode, and
this phenomenon can easily propagate throughout the mesh if it is too coarse,
causing the hourglassing phenomenon. To limit the propagation of hourglass
modes, artificial hourglass stiffness or viscous damping can be introduced into
these linear reduced integration-elements, and this in combination with a refined
mesh is generally the best solution to deal with hourglassing. As a rule of thumb,
at least four elements should be used throughout the thickness of a structure
when bending is to be expected.

Hybrid formulation

In an implicit solution scheme, the hybrid formulation is used to deal with
incompressible or nearly incompressible materials. The issue with (nearly)
incompressible materials is that the volume of the element cannot change under
hydrostatic loading. As a consequence, the pressure stress cannot be computed
from the displacements of the nodes. As a solution, hybrid elements split the
solution into a volumetric and a deviatoric part. In the first, the pressure stress
is solved with an additional degree of freedom, and in the second, the nodal
displacements are used as usual to calculate all the other strains and stresses.
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