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Abstract
Aortic stenosis is a cardiovascular disease estimated to affect more than 2 million people in Europe. Transcatheter aortic valve implantation has emerged in
the past two decades as a promising therapeutic alternative for high-risk patients with severe aortic stenosis. In order to facilitate surgical conduct and
predict procedural outcome, additional therapy planning and guidance methods are required in this field. To take full advantage of technological advances in medical device design, accurate placement of the implant is necessary. Computer-assisted support systems play an essential part in minimally
invasive surgery, where physicians rely on imaging technology for reviewing
live progress and indirect physical control of the prostheses.
Biomedical simulation, as described in this thesis, can be implemented as a
method to support these needs in surgery preparation and execution. For this
purpose a biomechanical model characterized by population specific parameters and adapted to patient-specific anatomy is provided. In silico experiments
of device deployment within patient-specific models of the aortic root have
created an opportunity to predict implant behavior during the intervention. A
patient database containing medical images, planning data, and procedure outcome has been assembled to validate the simulation.

Zusammenfassung
Aortenstenose ist eine Erkrankung des Herz-Kreislauf-Systems, welche geschätzt
mehr als zwei Millionen Menschen in Europa betrifft. Der transkathedrale Aortenklappenersatz wurde in den vergangenen zwei Jahrzehnten als vielversprechende therapeutische Alternative für Hochrisikopatienten mit schwerer Aortenstenose eingesetzt. Um die chirurgischen Abläufe zu erleichtern und deren
Ausgang vorhersagen zu können, sind zusätzliche Therapieplanung- und Beratungsmethoden in diesem Bereich erforderlich. Um den vollen Nutzen der
technologischen Fortschritte in medizinischem Gerätedesign auszuschöpfen,
ist eine genaue Platzierung des Implantats erforderlich. In minimalinvasiver
Chirurgie spielen computergestützte Systeme eine wesentliche Rolle, da Ärzte
sich während eines Eingriffs auf bildgebende Verfahren verlassen müssen und
nur indirekte physische Kontrolle über die Prothese haben.
Biomedizinische Simulation, wie in der vorliegenden Arbeit beschrieben, kann
als ein Verfahren implementiert werden, um diesen Anforderungen in der chirurgischen Planung und Ausführung gerecht zu werden. Dazu wird ein biomechanisches Modell entworfen, welches über bevölkerungs-spezifische Parameter beschrieben und auf patientenspezifische Anatomie projeziert wird. In
silico Experimente der Implantantplatzierung innerhalb patientenspezifischer
Modelle der Aortenwurzel haben die Möglichkeit eröffnet, dessen Verhalten
während des Eingriffs verherzusagen. Eine Patientendatenbank, welche medizinische Bilder, Planungsdaten und das Ergebnis des Eingriffs enthält, wurde
aufgebaut um diese Simulation zu validieren.
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1
Introduction
This introduction explores the success story of a medical procedure known as
transcatheter aortic valve implantation (TAVI) that had become possible only
through an extensive collaborative effort between medical professionals, scientists and engineers. Advances in medical imaging and numerical simulation methods, as described in this thesis, are essential to further the needs in
surgery preparation and execution. As innovative medical procedures rely on
computational support, this work is meant to extend the bridge between medical research, mechanical engineering, and computer science to explore new
opportunities at the intersection of medical interventions and computational
simulations.

1.1

Transcatheter Aortic Valve Implantation

Cardiovascular diseases remain the leading cause of death worldwide claiming
more than 17.5 million lives annually, which corresponds to an estimated 30 %
of total deaths throughout the world and over 46 % of noncommunicable diseases in 2015 according to a report by the [World Health Organization, 2015].
Aortic stenosis and aortic insufficiency are cardiovascular diseases estimated to
affect more than 2 million people in Europe alone. Early detection on one end
and fast access to effective therapy on the other are essential factors to mitigate
the implications of these chronic diseases. Fortunately, advances in technology
have provided us with the opportunity to support both causes:
1. locate and analyze diseases by utilising medical imaging modalities and
2. simulate interventional outcome through computational methods.
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Novel treatment methods are inherently designed to be suitable for elderly patients, which typically incur higher risk factors. Transcatheter aortic valve replacement (TAVR) has emerged in the last decade as a promising therapeutic
alternative for high-risk patients with a severe need for aortic valve replacement. This minimally invasive procedure is performed without a cardiopulmonary bypass as an alternative to surgical aortic valve replacement (SAVR)
to replace native aortic heart valves. It can greatly improve recovery time and
is a less strenuous procedure than open heart surgery. Patients affected by a
medical condition known as aortic stenosis suffer from reduced cardiac output.
In these cases calcification around the left ventricular outflow tract of the heart
is the most common cause of an increase in leaflet stiffness, which restricts
blood flow through the valve into the aorta. Scar tissue growing around calcifications thickens the leaflets and binds them together. Diseased leaflets can
also cause an improper closure during the diastolic cycle and result in regurgitation, which allows blood to flow backwards from the aorta into the ventricle.
Figure 1.1 presents an anatomical overview of the aortic root. A more detailed
anatomical discussion is found in Section 2.1 to introduce the individual tissue
components.
During the planning stage of TAVI an optimal access channel is chosen for every patient based on common risk factors and medical image analysis. A flexible guidewire is inserted through the transfemoral, transapical or transaortic
route to provide a stabilizing body that can also be used for visual orientation.
In cases where it is necessary to separate the leaflets in order to allow sufficient
stent expansion, a deflated cylindrical balloon is initially placed at the center of
the aortic valve. By expanding the balloon catheter as shown in Figure 1.2(a)
the leaflets are separated and may tear under the applied pressure in a process
known as aortic valvuloplasty. A stented catheter based xenograft valve is inserted after retrieval of the balloon along the guidewire. Positioning of this
stent is performed indirectly by controlling rotation along the guidewire and
insertion depth. Visual confirmation of the placement configuration is utilizing
fluoroscopy, an imaging modality allowing surgeons to capture real-time X-ray
views. Available prosthesis for deployment are either self-expanding or rely on
baloon-expansion. In either variation, the native valve is compressed onto the
vascular wall and the implanted prosthesis is expanded inside the aortic root.
Figure 1.2 shows the individual steps of a transapical implantation approach.
TAVI adoption is rapidly increasing with 10’000 cases reported worldwide
until 2010, but more than 40’000 recorded cases in the following two years.

1.1. T RANSCATHETER AORTIC VALVE I MPLANTATION
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Figure 1.1: Anatomical illustration of the individual tissue components around
the aortic root. Reprinted with permission from Filsoufi F, Carpentier A.
TheMitralValve.org.
In Germany alone, the annual number of TAVI interventions has increased to
13’264 in 2014, compared to 9’953 SAVRs. The number of annual TAVI procedures has exceeded isolated SAVR since 2013 while intraprocedural complications have decreased substantially from 9.4 % in 2012 to 3.9 % in 2014 [Eggebrecht & Mehta, 2016], which may also be related to a trend towards lower-risk
and intermediate-risk patients. In direct comparison both procedures have been
characterized to carry similar risks in relation to mortality over 30 days as well
as one year [D’Errigo et al., 2013; Nagaraja et al., 2014; Harjai et al., 2016].
Common complications include stroke (up to 5.0 %), renal failure (4.3 %), paravalvular leaks (up to 25.0 %) and atrioventricular blocks (up to 36.0 %). Additional rare complications are valve embolization (0.3 %), coronary artery obstruction (0.6 %), aortic dissection or perforation (1.0 %) [Piazza et al., 2008;

4
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(a) Guidewire insertion

(c) Stent placement

(b) Aortic valvuloplasty

(d) Stent expansion

Figure 1.2: Transapical implantation of a balloon expandable stent after aortic
valvuloplasty along an inserted guidewire. This method provides more granular control than a transfemoral approach. Kempfert et al. [2010] by permission
of Oxford University Press.

1.2. C OMPUTER -A SSISTED S URGERY
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Thomas et al., 2010; Yan et al., 2010]. Aortic insufficiency (AI) caused by
significant paravalvular leaks and atrioventricular node blockage (AVB) in particular have been closely related to choice of implant size and type, where small
diameter valves in larger patient anatomy increases paravalvular leaks, while
large diameter valves in patients with small cardiac anatomy increase the risk of
AVB [Schultz et al., 2009; Bleiziffer et al., 2010]. The amount and distribution
of calcification around the aortic root further impacts the location and extent of
paravalvular leaks, which can cause endocarditis, haemolysis, and left ventricular dysfunction [Masson et al., 2009]. Dislocated valve tissue or improperly
located implants may also occlude the coronaries, which occurs more frequent
in patients with bulky leaflets and low ostiums [Webb et al., 2009]. Thromboembolic complications have a direct impact on survival rates and commonly
occur during the most critical phases of the intervention (valvuloplasty, valve
positioning and implantation) [Athappan et al., 2014]. Mortality rates for patients with vascular complications are more than five times higher in the first
30 days after the intervention [Thomas et al., 2010].
Complications in TAVI are therefore closely related to the anatomy of the aortic root, which in turn impacts the implant choice and patient consideration for
the procedure. Precise placement of the prosthesis and local tissue deformation
are relevant factors that require comprehensive understanding of their interaction. Improvements in procedure planning could potentially reduce complications associated with implant selection and affect deployment considerations.
Due to the inherently anisotropic and nonlinear tissue properties among a wide
range of anatomic variations and dynamic influences of the beating heart with
a pulsating blood flow, predicting the final implant configuration after full deployment is an equally important and non-trivial task.

1.2

Computer-Assisted Surgery

With the invention of computed tomography (CT), a non-invasive spatial imaging technique became available for medical use. It started a revolution in medical diagnosis and procedure planning, which fueled a new research field around
3D medical image processing. It also made apparent the essential need for
inter-disciplinary collaboration. Reviewing and interacting with the available
data requires new tools and workflows designed to improve diagnosis and therapy alike.
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Computer-assisted surgery provides computational methods that support a wide
range of medical procedures such as reconstructional planning for orthopaedic
surgery [Fürnstahl, 2010] or liver motion tracking for local radiation treatment [De Luca, 2013]. It enables less invasive procedures such as TAVI by
providing information about patient-specific anatomical detail.
Further advances in the availability of affordable computational processing
power have also enabled the effective use of predictive simulations on complex 3D geometry. A finite element simulation can reduce the uncertainty related to dynamic components of an intervention and help to predict the surgery
outcome. While computer-assisted imaging techniques support non-invasive
diagnosis and can provide visualization for orientation during surgery [Kutter,
2010], prediction is the next step to comprehensive surgery planning.
1.2.1

Image-based Planning

With regards to the wide variety of patient-specific anatomy, several stent models and sizes are available to physicians for TAVI. For procedure planning, basic geometric measurements such as the cross-sectional area of the aortic annulus or its diameter and distance to the coronary ostia are currently taken into
account in preoperative planning. In current practice these anatomical measurements are used to select the most promising fit between patient anatomy
and stent model [Vahanian et al., 2012]. Measurements are aquired from CT
imaging [Lehmkuhl et al., 2013; Bennett et al., 2012; Zheng et al., 2012; Ramlawi et al., 2012] and echocardiography [Smith & Monaghan, 2013], which
are then evaluated with a sizing guide provided by the manufacturer as shown
in Figure 1.3. Additional anatomical information such as the amount of calcification around the leaflets and vascular system can provide information on
accessibility and expected complications.
1.2.2

Predictive Computational Stenting

Biomechanical simulation and modeling of stenting procedures has been used
intensively to study stent deployment and design [Hall & Kasper, 2006; Morlacchi et al., 2011]. Predictive TAVI simulation has consistently received attention in literature since the procedure has been introduced, but often lacked
solid validation procedures. Initially, balloon-expandable stents (e.g. Edwards
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Figure 1.3: Examplary sizing recommendations for the Medtronic CoreValve
prosthesis. Reprinted from [Kasel et al., 2013] with permission from Elsevier.
Sapien) were analyzed by [Auricchio et al., 2013b; Capelli et al., 2012] and others, discussing the effect of different implant positioning, but not taking calcifications into account. [Wang et al., 2014] also focuses on balloon-expandable
stents, but introduces a more complete anatomical model including basic calcifications. Self-expanding stent analysis was performed in [Tzamtzis et al.,
2013], but neither applying to patient-specific models, nor analysing variable
implantation depth or boundary conditions. Tracking the annulus plane and
stent location in fluoroscopic images was previously implemented in [Karar
et al., 2011] without considering prediction. Post-interventional deformation
analysis of implanted stents has been performed to analyze force distributions
related to deployed stents [Gessat et al., 2014; Hopf et al., 2012].
1.2.3

Surgical Simulation

Experiments related to mechanical simulation of stent expansion can be found
in a number of articles in the literature [Bernardini et al., 2011; Larrabide
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et al., 2012; Takashima et al., 2007] and is considered an active research field.
Deployment of self-expanding or balloon-inflatable stents have been analyzed
by [David Chua et al., 2004; Tzamtzis et al., 2013; De Bock et al., 2012]. They
commonly are based on direct wall-stent contact interactions and optimization
problems, but neglect the inclusion of valve leaflets into the analysis. [Auricchio et al., 2014] among others, simulates implanted aortic valve leaflets separately, but does not review the implications of a dynamic interaction with an
implanted stent for TAVI.
1.2.4

Parametric Models

Previous methods have studied leaflet and annulus deformation separately [Auricchio et al., 2013b; Saleeb et al., 2013] and did not consider a separation of
the aortic root into anatomical subcomponents [Wang et al., 2012; Conti et al.,
2010]. Our approach analyzes the effect of using a refined, anatomy-based,
multi-material model of the aortic root for FE simulation applicable to TAVI.
Comparable modeling work by [Grbic et al., 2010] uses a similar approach
based on parametric surfaces, but concentrates on geometric movement tracking, and considers less anatomical tissue detail than our proposal. Tracking
of patient-specific geometry has also been addressed by [Luo et al., 2013].
Mangini et al. [2011] also describe a material model, composed of individual
sub-components of lower complexity, which can not be applied to TAVI simulations directly, due to missing anatomical components. Calcifications of aortic
leaflets have been modeled through plain increase in tissue thickness by [Wang
et al., 2012]. Their integration into a vascular model was shown by [Auricchio
et al., 2013a], who included their occurrence by discretizing the originally segmented shape into regular grid-based blocks and assigning separate material
properties to the corresponding volumetric elements. De Hart et al. [2003] analyze fluid structure interaction with a generic aortic root model with a focus
on leaflet mechanics.

1.3

Biomechanical Modeling

Biomechanical modeling and simulation are concerned with the dynamic deformation of anatomical structures. Well defined models and computational
methods are required to produce results comparable to real world medical
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procedures such as cardiac intervention planning. Shape preserving methods [Müller et al., 2005; Sorkine & Alexa, 2007] are not physically motivated
and are typically designed for real-time, interactive applications, where the algorithmic performance is essential. While a realistic look and feel is desired,
the results are generally less suitable for high-fidelity simulations. To achieve
more accurate results the laws of continuum mechanics [Bonet & Wood, 2008;
Reddy, 2013] can be incorporated into the applied methods.
1.3.1

Continuum Mechanics in a Nutshell

Continuum mechanics describes the response of matter to a set of boundary
conditions, while assuming a continuous spatial distribution of any given material. Any given body B is defined geometrically to occupy a region in space
at time t, which corresponds to the configuration t (B) of the body shown in
Figure 1.4(a). Changes to the configuration t of B can be defined as a combination of a rigid-body displacement (combination of translation and rotation
without changes in shape) and a deformation. The deformation represents the
non-rigid changes in shape and size from the initial or undeformed configuration 0 (B) to the deformed or current configuration t (B). For any position
X of a material point P 2 B in the undeformed configuration 0 (B) one can
express its position x in the deformed configuration t (B) as a mapping shown
in Figure 1.4(b):
0 (B) ! t (B)

(1.1)

Dynamic deformations over t can be defined through a Lagrangian (material
centric) or Eulerian (space centric) representation. In the Lagrangian description, the position x that occupies a particle, having the position X in the undeformed configuration 0 (B), in the current configuration t (B) at time t is
defined as:
x = X (X, t)

2 t (B)

(1.2)

and thus depends on the initial configuration:
X (X, 0) = X

2 0 (B).

(1.3)
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(a) Continuum body

(b) Deformation of a continuum body

Figure 1.4: Deformation from an undeformed configuration to a deformed
configuration of a continuum body. Reprinted from Sanpaz & Nicoguaro
[2011] under a Creative Commons Attribution-ShareAlike 3.0 license.
In the Lagrangian description, any variable
and t:

is expressed with respect to X

(1.4)

= (X, t).

This description is commonly used for structural analysis in solid mechanics, where the deformation of specific points on B is of great interest. On the
contrary, the Eulerian description defines variables with respect to the current
configuration t (B) with:
= (x, t)

and

[x 2 t (B)],

X = X(x, t)

(1.5)

which considers a spatial distribution of points that can change over time at
any fixed value of x. As a result the Eulerian description is often used in
computational fluid dynamics to analyze flow.
To describe the displacement u over X, a displacement vector can be expressed
in the Lagrangian framework as:
u(X, t) = x(X, t)

X

(1.6)
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which can be used to define a displacement field u(X) for all points. Transforming the initial configuration 0 (B) into the deformed state t (B) is done
through:
X (X, t) = X + u(X).

(1.7)

Let X P be the position vector of a material point P in the reference configuration, and xP be its position in the deformed configuration. Given an infinitesimal distance dX between two material points P1 and P2 in the undeformed
configuration defined as
dX = XP2

X P1 ,

(1.8)

their positions after deformation are given as
xP1 = X (XP1 , t)

and

xP2 = X (XP2 , t).

(1.9)

The deformed distance dx is then given as:

dx = xP2

xP1 = X (XP2 , t)

X (XP1 , t) = X (XP1 + dX, t)

X (XP1 , t).
(1.10)

By defining a deformation gradient G = @X /@X the distance vector dx is also
obtained as dx = GdX. Let r0 represent the gradient operator with respect
to the reference or material coordinates. The deformation gradient becomes:
G = @x/@X = O0 X = O0 u.

(1.11)

When considering volumetric changes, the local ratio between a deformed volume dv and the initial reference volume dV is defined as the Jacobian J, which
is obtained as the determinant of G with:
dv = JdV

and

J = det(G).

(1.12)

For incompressible materials the Jacobian J = 1 at all points of the body as no
change in volume is possible.
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The ratio of a given force F to a cross section area A of the body is defined as stress = F/A, which can be interpreted as measures of internal
forces and is commonly specified over a quantified area (the SI unit of stress is
P a = N/m2 ). As stress is generally not uniform in distribution, it is valuable
to measure stress at specific points in the body, which can be specified as quantities in a stress tensor. As stress is a measure per area, the stress tensor can be
separated into a normal and tangential component, known as the normal stress
and shear stress.
The Young’s modulus E, also known as modulus of elasticity or tensile modulus, describes resistance of the body to deform elastically in response to an
external force. It writes E = /E, as a ratio of stress over strain E. The
concept of strain is used to locally evaluate the deformation of the body in
comparison to a rigid body displacement, which would occur if no single material curve C0 (B) inside the initial material configuration changed length after
deformation into Ct (B) .
1.3.2

Material Models

Material specific properties such as the Young’s modulus E define the relation
between strain E and stress for a given body. Deformation experiments under
well defined loading conditions are generally performed to derive stress-strain
samples for any given material as shown in Figure 1.5. Constitutive equations
are then used to model these as continuous functions for each individual material. It is worth noting that these are material models that aim at a close
characterize of the body under specific boundary conditions, but generally fail
to model the complete range of behaviors that could be encountered. In particular, when describing inherently complex, inhomogeneous and active response
materials such as soft tissue, local deformations depend on a large number of
internal parameters as well as external factors. Apart from material elasticity
parameters, the observed stress-strain relationship for a given material may be
differentiable by the quantity of an applied load and can even change when performing multiple loading iterations and differ according to different frequencies with which load is applied. Material models generally approximate this
behavior in a simplified manner and further require the necessary parameters
to be derived from measurable material constants. This may require the definition of directions across a material surface as only fully isotropic materials
behave equally under load in all load orientations.
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Figure 1.5: Exemplary behavior of stress and strain for non-linear elastic materials such as soft tissue. The Yield Point marks the transition from an elastic
deformation to a plastic one, which eventually results in material failure.

Hooke’s law states that strain E is proportional to stress for a given body
when defined within its elastic boundaries. Elastic materials store energy under
load and return to their initial configuration after it has been removed. Characterizing a body as elastic implies that any deformation does not depend on
the timeframe or frequency over which the load has been applied. When the
stress is derived from a strain energy density function W (E) as a function of G:
= 1/J@W/@GGT , the material is considered hyperelastic. Linear elastic
materials are characterized by a linear relationship between stress and strain.
For non-linear materials U0 is defined as a cubic (or higher order) function. It
is common to approximation non-linear materials as linear for small deformations within specific stress-strain intervals as shown in Figure 1.5 as the Linear
Region. The slope of the curve inside the elastic region defines the stiffness of
the material.
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Linearity between strain and stress can often only be observed over a specified range, while they are defined as non-linear over the full domain. Plasticity describes persistent material deformation after elastic properties have been
overcome. The yield strength defines at which load a material transitions into
plastic deformation. Tensile strength describes the maximum stress before the
point of material failure. For viscoelastic materials the rate at which load is applied further influences the response curve. A common effect for cyclic loading
is referred to as hysteresis (Figure 1.6), where the material responds differently
to multiple successive loading and unloading iterations and introduces a damping effect.

Figure 1.6: Hysteresis plot for iteratively applied load onto a viscoelastic material, which absorbs some of the provided energy resulting in damping. The
effect typically becomes less pronounces after a number of load cycles have
been completed, while the stress decreases for the same amount of strain.
The neo-Hookean as well as the Mooney-Rivlin model describe hyperelastic
materials. They define non-linear stress strain relationships commonly used
to model incompressible, rubber-like materials or plastics and are suitable to
model large deformations while assuming full elasticity and moderate strains.
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Additional models designed to model soft-tissue behavior at higher strains are
the [Fung et al., 1979] and [Ogden, 1972] models, which have been extended
by [Holzapfel et al., 2004] and [Gasser et al., 2006] to better characterize multilayer materials with distributed collagen fibre orientations as found in human
arteries. These models are further applicable to anisotropic materials, which
are characterized by variable stiffness depending on the direction that load is
applied onto the body. Figure 1.7 shows how these models can be fitted to experimentally collected data from material samples showcasing the complexity
different models can represent.

Figure 1.7: Fitting different material models of variable complexity to experimentally acquired data shows how a basic linear model can represent specific
intervals of the material response accurately.

1.3.3

Finite Element Method

As shown previously, continuum mechanics utilizes constitutive laws to calculate stress measures at any point in a given body. A partial differential equation
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can be defined for an infinite number of points over the body, which can also describe the effects of momentum. In finite element analysis, space is discretized
into a finite set of elements, which are organized inside a mesh and generally approximate the geometry of the modeled object. Elements are defined
spatially with the help of nodes, edges and surfaces. One dimensional beam
elements for example consist of two nodes and an edge, while shell elements
refer to two dimensional surface representations. Each element is evaluated
with a set of known functions, depending on the chosen element, which could
be linear or higher order polynomials. The finite element solver then integrates
a set of equations for each of these elements and assembles the final result as a
sum of each solution [Reddy, 2006].
Dividing the domain into a finite number of elements, each governed by a
finite number of algebraic equations thus generates the possibility to compute
a solution for problems defined in a continuum body in finite time. There are
obvious constraints on the accuracy of any such solution, which can introduce
errors. To approximate a continuous functions f through known basis functions
0
i , f can be rewritten as a linear combination f with coefficients ci to define
a suitable approximation:
0

f ⇡f =

1.3.4

n
X

ci i .

(1.13)

i=1

Meshing

When considering arbitrarily shaped domains found in organic environments,
a geometric approximation into a finite number of elements can typically not
represent the modeled body perfectly as shown in Figure 1.8. A more complex structure inherently requires smaller, and thus more, elements to achieve
similarly accurate domain coverage as shapes with less detail. Irregular or
heavily distorted elements can further introduce unanticipated effects such as
an increased local element stiffness, which generally makes them undesirable
for finite element analysis. The process of creating a high quality finite element mesh at a sufficient resolution is therefore essential to mitigate errors.
Utilizing a relatively large number of finite elements allows each element to
represent only a small part of the domain, which can increase the accuracy for
more complex geometries, but will also require an increased amount of time
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to solve the additional algebraic equations. A parameter sensitivity analysis is
often performed for the number of finite elements to determine where the error
saturates for a sufficient element count of a specific domain model.

(a) Unmeshed Domain

(b) Coarse Approximation

(c) Adaptive Meshing

Figure 1.8: Meshing of an arbitrary domain with varying mesh resolution. Discretizing the domain into a coarse mesh (b) results in faster compute times, but
loss of accuracy. Adapting the local resolution to the complexity (c) improves
mesh coverage across the domain, which improves the overall solution.
Element size and mesh resolution generally does not have to be uniform across
a domain. Instead, utilizing adaptive mesh resolution with more elements in
areas of high interest (e.g. contact areas) can reduce computation costs without a significant loss in accuracy. If elements undergo large deformation, it
may further be necessary to re-mesh the domain between multiple steps of an
iterative finite element solver.
1.3.5

Coupled Euler Lagrange Analysis

Coupled Euler Lagrange (CEL) models merge two different mesh-based approaches in finite element analysis. In the Lagrangian representation the mesh
follows the form of the model with a geometric description of the physical object. Nodes and elements deform under load in accordance to the underlying
material model and boundary conditions. On the contrary, when using Eulerian
coordinates, a fixed basis is used to define a division of space that is not being
deformed with the described material. In this case each spatial element can
hold a percentage of one or more modeled objects as shown in Figure 1.9 for a
two-dimensional example.
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(a) Lagrangian: Initial Mesh

(b) Lagrangian: Deformed Mesh

(c) Eulerian: Initial Distribution

(d) Eulerian: Deformed Distribution

Figure 1.9: Examples of Lagrangian and Eulerian mesh representations comparing mesh deformation to change in material distribution inside a rigid mesh.

1.4
1.4.1

Organization and Contributions
Research Aim

The main goal of this thesis is to develop and evaluate a computer-assisted
planning procedure to predict the outcome of TAVI treatments. From a clinical
perspective the developed algorithms and computed results should improve surgical outcome in terms of a reduction in the occurrence of complications during
the intervention and an improvement in overall survival rates afterwards. The
introduced tools and processes should fit into a surgical workflow and support
clinicians with additional information during the planning stage of procedures.
The developed methods shall provide more information on a patient-specific
basis.
1.4.2

Organization

An introduction to TAVI and computer-assisted surgery is provided in Chapter 1, which highlights the need for a multidisciplinary effort to innovate sur-
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gical procedures and focuses on the shortcomings of procedure planning and
guidance that generate a need for computational support.
Chapter 2 initially discusses anatomical features of the aortic root and introduces a biomechanical model of the aortic root. Based on the anatomical design, a finite-element model for the individual tissue components is described
in accordance with Russ et al. [2013a,b, 2014b,a]. A parametric model to fit
individual patient geometry is introduced to generate 3D meshes for finite element simulation. It is designed to adapt to patient-specific parameters extracted
from anatomy scans. Further calcification modeling methods are introduced to
work in coherence with this model. Different geometric features and material
modeling details are defined for the simulation. The issues surrounding the
defining of material parameters is also considered here.
Chapter 3 is concerned with stent deployment and valve interaction under consideration of leaflet calcification as published in Russ et al. [2013a,b], where
we present a method to increase the degrees of freedom of stent movement and
study the effects of different initial deployment depths to provide a prediction
framework for TAVI adapted to information available during the intervention.
This defines an experimental setup for tissue and stent pre-conditioning and introduces a method to compare the impact of valve calcification on stent expansion. Stent placement before expansion is another important aspect discussed
here.
Different validation techniques for biomedical simulation of TAVI are presented in Chapter 4. Silicone phantom model experiments are presented to
validate the finite element simulation in silico, which was published in Russ
et al. [2012]. A general framework is designed to compare experimental and
simulated results, which focuses on methods to compare stent configurations.
Chapter 5 discusses the acquisition and processing of clinical validation datasets
for experiment validation on patient-specific models. The results of different
studies regarding material parameterization and experimental setup are presented here. A special focus is put on the interaction with a calcification model,
which was published in Russ et al. [2013a, 2014a].
In Chapter 6 the presented contributions are summarized and future research
directions of interest are discussed.

2
Biomechanical Modeling of the Aortic
Root
Contributions in this chapter have been published in Russ et al. [2013a,b,
2014a,b].
This chapter introduces the fundamental anatomical characteristics of the aortic root. Based on its description a parametric model for geometric modeling
and numerical simulation is presented, which defines multi-material surface regions to allow adaptation to local tissue properties and support patient-specific
model refinements. To design a refined model of the aortic root, its anatomic
structure was studied to identify regions of severe inhomogeneity. A parametric
model based on non-uniform rational B-spline (NURBS) patches is introduced
to represent individual material regions in this context. The model is fit to
patient-specific measurements, considering the general anatomical description
of the aortic root. In return this method allows for the consistent assignment of
location specific substructural material models to each anatomic region. The
surface is then sampled for FE analysis, which is performed on discretized
nodes and elements constituting the mesh. This multi-material model is eventually used to perform verification experiments with data captured from clinical
interventions.
With our work, we are aiming to lay the scientific foundation for the next generation of TAVI planning systems, which incorporate biomechanical analysis
and predictions of the interventional outcome into the decision process. For
advanced procedure planning it is necessary to reconstruct the affected structures in form of a detailed surface mesh, which is then used to simulate the
expansion of an implanted stent. Therefore, we analyze the anatomical structure of the aortic root and surrounding tissue and present a parametric model,
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which considers patient-specific input data for the generation of multi-material
FE meshes.
In order to improve the accuracy of preprocedural planning for TAVI, we develop a predictive model of the mechanical interaction between stent and aortic
root. Such a model must reflect the diversity of the tissues at the aortic root with
respect to their mechanical characteristics.

2.1

Anatomy and Physiology of the Aortic Root

The aortic root is composed of heterogeneous tissues with individual functions
and mechanical properties. These include non-linearities as well as hyperelastic and anisotropic characteristics. The following anatomical components have
been described previously as relevant substructures of the aortic root that are
composed of materials with different mechanical responses to load [Charitos &
Sievers, 2013; Hamdan et al., 2012; Piazza et al., 2008]. A schematic drawing
of the aortic root and its components is given in Figure 2.1:
(1) Ascending aorta (arterial tissue)
(2) Sinus of Valsalva (arterial tissue)
(3) Aortic leaflets (collagen network embedded in elastin)
(4) Aortic annulus crown (thick fibrous leaflet anchor)
(5) Interleaflet triangles, membranous septum (thin and fibrous)
(6) Mitral valve (leaflet tissue)
(7) Left ventricular myocardium (muscular tissue)
(8) Calcifications (stiff structure bound by elastic tissue)
This partition reflects the anatomical considerations described in the latest
medical literature [Piazza et al., 2008; Carpentier et al., 2010], as summarized
in Sections 2.1.1 - 2.1.4. The geometry and mechanical properties reported
herein follow the findings of [Marom et al., 2013; Koch et al., 2010; Ferraresi
et al., 1998].
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(a)

(b)

(c)

Figure 2.1: (a): Unfolded aortic root showing anatomical locations of differently modeled tissue materials (1-7) [Carpentier et al., 2010]. (b): Single leaflet
relation between height (H), width (W) and attachment area (A). (c): Cut view
on calcifications (8) attached to aortic leaflets. [Russ et al., 2013a]
2.1.1

Ascending Aorta and Sinus of Valsalva

The ascending aorta (AA) is a slightly twisted and curved cylindrical vascular
structure leading from the aortic root to the aortic arch. The sino-tubular junction is a narrow collagen enforced ridge at the height of the leaflet commissures
connecting the AA and sinus of Valsalva. The sinus form three bulges opposite
to the aortic leaflets, two of which serve as attachment surfaces for the coronary
arteries. The sinus consists of aortic tissue, which shows strong anisotropic behavior with the effect of withstanding high loads in circumferential direction.
The tissue compound consists of multiple layers including collagen and elastic
fibrils as well as smooth muscle cells. It can be approximated as an almost
in-compressible, homogenized solid [Gasser et al., 2006].
2.1.2

Aortic Annulus Crown and Commissures

Special attention is paid to the stiff annulus region, which anchors the AA
and aortic leaflets to the left ventricle. This fibrous, crown-shaped structure
as shown in Figure 2.2 is commonly known as part of the heart skeleton and
serves as a mechanical fixation for the aortic valve. Stents that are deployed
in this region during TAVI interventions rely on this narrow and stiff section
as a fixation to prevent embolization of the implanted valve. Aortic leaflets
are anchored into the annulus crown joined at the commissures. Stradins et al.
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[2004] determined that the fibrous annulus crown and the commissures as the
stiffest tissue components in the aortic root, without considering calcifications.
The twisted collagen fibrils form a ring of attachment around the leaflet cusps,
which connects the left ventricular outflow tract (LVOT) to the ascending aorta.

Figure 2.2: The crown-shaped structure connecting leaflets, left ventricle (located below the hinge point plane) and the ascending aorta. The round coronary
attachments are located in the bulged sinus-sections above the right-coronary
cusp (RCC) and left-coronary cusp (LCC). The mitral valve can be seen below the non-coronary cusp (NCC). Reprinted from [Kasel et al., 2013] with
permission from Elsevier.

2.1.3

Valvar Leaflets and Calcifications

The leaflets are the moving parts of the valve, which implement its capability
to open and close depending on the pressure gradient. They consist of a thin
membrane which is reinforced by a crossing network of collagen fibrils originating at either commissure and assist the tissue in withstanding high surface
pressure during diastole. The common three-fold shape is designed to close
tightly under pressure through coaptation below the free leaflet edge. Calcifications on leaflets constraint flexibility and are commonly found on the arterial
(upper) surface, where pressure is applied in diastolic phase (Figure 2.1(c)).
Structurally, the calcifications are embedded in elastic tissue and reach considerably higher density than vascular tissue [Maier et al., 2010]. As a result, the
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leaflet thickness is increased and the optimal opening or closing configuration
can no longer be obtained, thus causing diastolic regurgitation and increasing
the systolic transvalvular pressure gradient, both inducing left ventricular heart
failure.
2.1.4

Interleaflet Triangles, Mitral Valve and Left Ventricular Myocardium

The triangular section between the fibrous annulus and the LVOT is described
as a membranous septum, where on one side the left ventricle and on the other
the mitral valve are attached. These are fibrous structures that extend the LVOT
and connect the annulus crown between the sinuses. The myocardium consists
to a large extent of muscle cells and is structured considerably thicker than
the surrounding tissue. The mitral valve leaflets are generally thicker than the
aortic leaflets and span accross a larger surface area. They are connected to the
papillary muscles inside the left ventricle through the chordaes.

2.2

Geometric Model Definition

Patient-specific artery models are required to assist the planning stage of TAVI
interventions through biomedical simulation. A geometric model is extracted
from medical imaging data before any simulation of stent expansion inside the
aortic root can be performed. Heterogeneous cell-structure variation requires
accurate geometry and material modeling for the simulation of tissue behavior
under dynamic conditions. The generation of surface meshes for finite element
analysis (FEA) and definition of applicable material parameters for various
tissue types and sections is essential to achieve reasonable simulation results.
2.2.1

Segmentation of the Aortic Root

The anatomical model for finite element mesh generation is segmented automatically from contrast enhanced CT images (Figure 2.3) using a clinical
prototype application (Philips HeartNavigator [Klink & Kelly, 2011]), which
implicitly defines a number of landmark locations used to identify the annular
plane, commissure plane, leaflet center and coronary arteries (Figure 2.6). The
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landmark coordinates to identify commissures, annulus and coronary arteries
have been validated by an expert clinician manually to ensure model accuracy. Calcification within the aortic root region are segmented separately using
a threshold of 600 HU and are separated into individual components using kMeans clustering. CT scans with low or no amount of contrast agent present
could not be considered for segmentation as the aortic root geometry could not
be extracted accurately.

Figure 2.3: CT image data are used to segment a patient-specific anatomical
representation of the aortic root region. [Russ et al., 2014a]
The segmented model, shown in Figure 2.3, differentiates between basic anatomical regions of interest. It provides three individual domains, representing the
aorta, the leaflets and the ventricle. The segmentation results are meshed using
marching cubes [Lorensen & Cline, 1987] and subsequently smoothed. The
extracted surfaces are defined through triangular meshes, which commonly
contain irregular elements and self-intersections.
These are not suitable for FE analysis, but are used for the progressive definition of a centerline, starting at the left ventricle apex, continuing through the
leaflet centerpoint into the aorta. The created mesh components shown in Fig-
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ure 2.4(c) are initially used as input to compute a single boundary mesh that
defines the iso-surface hull of the complete anatomical model, which is then
used to compute a Voronoi diagram based on an internal Delauney tetrahedra
tesselation. [Antiga, 2002] utilizes this method to extract the medial axes of
vascular structures and implemented it in the Vascular Modeling Toolkit1 used
here. The resulting approximated centerline can be described by the center
points of maximal inscribed spheres.

(a)

(b)

(c)

(d)

Figure 2.4: Patient-specific mesh model extracted from aortic root segmentation, which is subsequently mapped into separate material regions composing
a multi-material model of the aortic root. [Russ et al., 2014a]

2.2.2

Parametric Model of the Aortic Root

For the purpose of FEA, a shell-based surface model of the aortic root is constructed from a generic, parametric, spline-based description . The segmentation, centerline and a set of extracted landmark positions are used to shape
a generic geometric spline model of the aortic root shown in Figure 2.5(a)
to align with patient-specific features of a specific aortic root model, which
can in turn be used to generate high-quality surface meshes at variable resolutions. The aortic root surface is defined by generating individual surface
patches between the splines, which are designed to create geometrically distinct areas in accordance with the material anatomy of the aortic root discussed
1 VMTK

http://www.vmtk.org
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in Section 2.1. Positioning the splines along the segmented mesh allows the geometric model to incorporate anatomical details such as material boundaries.
Meshing of the parametric structure can be accomplished simply by subdividing each patch into regular quads (Figure 2.5(b)) or by using an available FEA
pre-processing tool. Each individual geometric section of the aortic root can
then be associated with a different material model as the meshed geometry
structure follows the known anatomical layout and individual tissue configurations as represented by different colors in Figure 2.5 and 2.6.

(a) Parametric aorta model

(b) FE mesh

Figure 2.5: (a): Parametric patch representation of aortic root. (b): Quadbased meshing with highlight on interleaflet triangle area (blue) and annulus
section (red). [Russ et al., 2013b]
The parametric aorta model is initialized by aligning the model spline skeleton
around the extracted centerline (see Subsection 2.2.1) and through landmark
points describing the annulus crown (C0 , C1 , C2 , L0 , L1 , L2 ) as shown in Figure 2.6. Landmark coordinates at the commissures (CO), annular plane (AP ),
coronary arteries (CA), and leaflet centerpoints (LC) can be extracted from
CT image data for left (l), right (r) and non-coronary (n) leaflets resulting in
a total of nine three-dimensional coordinates:

L = {(COl,r,n ), (APl,r,n ), (CAl,r ), (LC)}

CO, AN, CA, LC 2 R3
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By adapting spline progression and expansion through input parameters, this
skeleton is then optimized dynamically to match patient-specific geometry requirements by fitting it onto the segmented aortic root model extracted from
CT imagery.

(a)

(b)

(c)

(d)

(e)

(f)

Figure 2.6: Using landmark coordinates and segmentation information from
CT scan data, a parametric surface model is fit to patient geometry under
anatomical constraints to analyze the mechanical contribution of different tissue properties. [Russ et al., 2014a]
In their analysis of aortic valve geometry, [Carpentier et al., 2010] described a
linear relationship between the attachment length (A), width (W ) and height
(H) of aortic valve leaflets.Comparable relations can be established for the
sinus of Valsalva and leaflet coaptation regions as described by [Swanson &
Clark, 1974; Marom et al., 2013]. Due to the common difficulty to reconstruct
aortic leaflets from CT scans, we rely on these distinct geometric relationships
to define leaflets within the defined spline model:

A = 1 : 5W

H = 0.9W

(2.1)

Common measurements for sizing of the aortic root were also described by [Labrosse
et al., 2010]. Parameters for width, bulk and continuity of sinus, annulus as
well as leaflet surfaces are used in our model to approximate NURBS surfaces
to fit the local segmentation area.
The aortic root is partitioned into 30 surface patches built from the underlying
spline skeleton. Non-uniform rational B-Splines (NURBS) are used to generate the parametric model as they can defined between three or four intersecting
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splines and provide a smooth surface. Two NURBS are utilized per leaflet,
annulus and sinus region as well as throughout each interleaflet triangle and
LVOT section. The model’s extension into aorta and ventricle direction is completed with six longitudinal and five lateral splines generating 30 main surface
patches on either side of the valve. Depending on length of the aorta the number of lateral sections can be adjusted. The NURBS model is finally fit onto
the segmented mesh using iterative least squares. Equidistantly sampled points
on each spline are adjusted to lie on the segmented surface by minimizing the
distance function (d) between these key points (K) and the segmented surface
area (A) for each curve (C).
2

fglobal = min 4

|C| |K|
X
X
i

j

3

d (Ci [Kj ] , A)5

The resulting model is based on NURBS surface geometry and resembles
patient-specific tissue regions, which allow the consistent assignment of local
material properties, such as anisotropic element orientation and tissue stiffness
parameters. It can then be meshed to any desired resolution, yielding high quality mesh elements. It further simplifies quad-dominant element discretization,
as this can be performed locally on each NURBS patch. In general we will approximately sample the parametric model to more than 40’000 shell elements
containing the aortic root and part of the left ventricle.
This anatomy-focused modeling approach generates smooth surface transitions
and ensures surface continuity, generally superior to meshes extracted from
image-based segmentation. It further contributes to the generation of high quality FE meshes and yields patient-specific parametric models of the aortic root.
2.2.3

Volumetric Extrusion

The generated non-manifold surface model can be converted into a volumetric
representation by extruding each spline key-point along its local normal vector and regenerating a secondary, outer layer of NURBS patches. The outer
tissue layer is connected through surfaces at the tissue border regions to maintain a clean element separation. Local thickness is estimated per tissue region
and interpolated over intersection areas for smooth transitions. As discussed
in [Malayeri et al., 2008; Sahasakul et al., 1988] the average tissue thickness

31

2.2. G EOMETRIC M ODEL D EFINITION

found within the aortic root changes among different age groups. For a patientspecific model, where exact thickness measurements are difficult to obtain,
these data are taken into account when generating a volumetric model as shown
in Table 2.1 for the ascending aorta, valves and transition areas to the left ventricle. Unlike leaflet and vascular tissue, the thickness of the myocardium of
the left ventricle can be estimated directly through image segmentation due to
a sufficient resolution of the CT scan. For the generation of a shell model these
thickness values are assigned for each material region, while each element represents an inner surface border.
Table 2.1: Average tissue thickness grouped by age for anatomical sections,
differentiating ascending aorta (AA), sinus (S), annulus (A) aortic leaflets
(AL), mitral valve (MV), interleaflet triangles (IT), LVOT, and ventricle (V).
Thickness (mm)
Age Group
< 45
45 54
55 64
65 74
75 84
>= 85

2.2.4

AA
1.9
2.0
2.3
2.4
2.6
2.8

S
1.3
1.4
1.5
1.6
1.7
1.8

A
1.0
1.1
1.2
1.3
1.4
1.5

AL
0.7
1.0
1.1
1.2
1.4
1.6

MV
1.0
1.2
1.4
1.8
2.1
2.5

IT
0.9
1.0
1.1
1.2
1.3
1.4

LVOT
4.0
4.2
4.6
5.0
5.2
5.5

V
7.0
7.2
7.4
7.9
8.2
8.4

Meshing of Surface Patches

The previously described continuous NURBS patches are converted into a
discrete FE representation (the FE mesh), which consists of nodes sampled
over each surface and polygonal elements connecting them. Regular quad- or
hexahedral-elements with low amounts of geometric distortion are preferred
for initialization of FE simulations as they are less prone to locking, excessive distortion or related artifacts. A high node density (surface resolution)
will naturally increase run-time requirements, but improve local simulation accuracy. Adaptive meshing is used to refine areas of interest, such as contact
surfaces, by increasing the surface resolution locally. During common medical
procedures in the aortic root, the areas not exposed to direct contact conditions
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are the aortic arch and ventricular region below the LVOT. These regions are
meshed with a reduced resolution.
Initially, parametric surfaces were converted to exclusively quad-based polygonal elements as shown in Figure 2.7(a), which lead to element distortion at narrow sections, such as the commissures. To provide more regular FE elements,
aligned surface patches with identical material properties are combined to form
a continuous surface and successively discretized to mix-element polygonal
meshes. Each patch is sampled using quad-dominant shell elements as shown
in Figure 2.7 for a model optimized to follow patient-specific anatomy. Meshing is accomplished using ICEM CFD2 mesher, which is capable of generating
shell as well as volumetric FE models from parametric input. The remaining borders between surface patches are defined by the previously described
spline structure that also represents material transitions. These are sampled
consistently to allow material correlation on an element basis as visualized
through color coding in Figure 2.7. Elements are further assigned an orientation for anisotropic material alignment, following anatomical findings described in Section 2.1, where the effect of fibrous collagen structures found in
the aortic root was discussed.

(a)

(b)

Figure 2.7: Overview of material subdivision in the aortic root based on
patient-specific geometry. Meshes were generated by quad-dominant meshing
of NURBS surfaces, while retaining material boundaries on element level.

2 ANSYS

Inc., Canonsburg, PA, USA
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Multi-material Model of the Aortic Root

Local tissue characteristics play a decisive role in understanding and modeling the biological function of soft tissue. Cardiac anatomy, specifically, is
composed of a variety of heterogeneous materials as discussed previously in
Section 2.1. Locally, this soft tissue is structured through a combination of different cell types composed in multiple layers. Mechanical material models are
necessary to approximate the behavior of these tissues for finite element (FE)
simulations. For solid continuum mechanics, these models can be divided into
linear elastic and hyper elastic variations with isotropic or anisotropic properties. Well known anisotropic material models for soft-tissue have been developed previously [Holzapfel et al., 2001; Gasser et al., 2006]. Soft tissue
properties in the aortic root include non-linearities as well as hyperelastic and
anisotropic characteristics.
Anatomy related heterogeneous discontinuities in material properties strongly
influence human soft tissue behavior under mechanical load. We presented a
parametric model of the aortic root in Section 2.2, which defines multiple surface regions, allowing advanced control over local tissue properties and providing support for patient-specific model refinement.
Extensive anatomical analysis has been performed by [Piazza et al., 2008] to
provide guidance on structuring a mechanical model of the aortic root based
on individual material considerations for different tissue types. Based upon
these findings, the following components have been modeled using separate
mechanical properties and material models (Figure 2.1):
1. Ascending aorta and sinus of Valsalva (arterial tissue)
2. Valvar leaflets (collagen network embedded in elastin)
3. Aortic annulus crown (thick fibrous leaflet anchor)
4. Interleaflet triangles, membranous septum and mitral valve attachment
(thin and fibrous)
5. Left ventricular myocardium (muscular tissue)
Each of these anatomical sections can be modeled as an individual, homogeneous material, which when combined to a single model, approximates the
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heterogeneous multi-material layout of the aortic root. The described model is
then used to dynamically simulate balloon inflation and stent insertion for transcatheter aortic valve replacement in Chapter 3, where our results strongly indicate improvements for in silico clinical application experiments using multimaterial simulation over a simplified single a material approach.
2.3.1

Soft Tissue Material Models

The neo-Hookean strain energy per unit (UnHook ) is described in a nonlinear
equation 2.2 with C10 and D1 defining the material parameters, I 1 as the first
deviatoric strain invariant and J el representing the elastic volume ratio:
UnHook

=

C10 (I 1

3) +

1
D1

J el

1

2

(2.2)

.

However, nonlinear isotropic materials can generally be modeled more accurately with a Mooney-Rivlin formulation 2.3 for the strain energy UM R , with
an additional material parameter C01 :
UM R

=

C10 (I 1

3) + C01 (I 2

3) +

1
D1

J el

1

2

(2.3)

The anisotropic material model by [Gasser et al., 2006] is adopted for modeling of multiple fiber directions and available within the FE solver following
equation 2.4 with C10 , D, k1 , k2 and k as configurable material parameters and
E ↵ characterizing the deformation of fibers.
UHGO

=

⇣ el 2
⌘
(J ) 1
1
el
C10 (I 1 3) + D
ln(J
)
2
N
⇥ k2
⇤
k1 P
+ 2k2
1
exp 4 ( E ↵ + E ↵ )2

(2.4)

↵=1

As previously discussed, the tissue components of the aortic root, such as the
aortic leaflets and ascending aorta, are composed of multiple structural cell
layers, which can be represented through non-linear soft tissue material models
such as [Holzapfel et al., 2001; Gasser et al., 2006]. As shown, these models
can represent the angular distribution of collagen fibers embedded in elastin
as shown for an aortic leaflet, which means they are suitable for modeling
anisotropic materials of the aortic root.
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Generally, an increase in the number of material parameters allows more detailed adaptation of the model to tissue behavior. Unfortunately, it also requires
us to have accurate knowledge about the material’s response to different loads,
which is difficult to determine for individual patients.

2.3.2

Material Parameter Estimation

Estimating material model parameters is a major problem in patient-specific
biomedical simulation. Image based techniques such as MR elastography [Zhang
et al., 2016] or MRI pulse wave velocity [Damughatla et al., 2015] to determine
aortic stiffness are promising, but require an MR scan, which is not available
as part of the current protocol for TAVI and would require additional resource
allocation and procedural approval. Being able to integrate novel techniques
into existing medical workflows is an often underestimated concern for multidisciplinary research connecting medicine, computer science and mechanical
engineering. Designing suitable and acceptable clinical procedures is essential
for the success of novel methods, which unfortunately means not all possible
solutions to a problem can be implemented inside a constrained clinical environment.
Furthermore, image resolution and quality limits the potential to define material thickness T for thin structures, such as leaflets and aortic vessel tissues.
Therefore, tissue thickness and additional material parameters for biomedical
simulation outlined above have to be estimated. Based on [Malayeri et al.,
2008] we determine average aortic and leaflet thickness based on age groups
and anatomical findings, which could be further refined in terms of, e.g., gender and ethnicity. For the purpose of this work, the following elastic moduli are
used as a guideline for the applied elastic material models as found in [Wang
et al., 2014; Grbic et al., 2013]:
The material density is defined as 1.2 g/cm3 . The Poisson ratio of nearly incompressible solids is defined as 0.45. The friction coefficient between the tissue
and stent was defined at: ⇢ =0.2 µ, while the damping coefficient was set to
0.1 to stabilize the contact intensive simulation.
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Table 2.2: Tissue stiffness estimates based on literature review for individual
anatomical sections as a general guideline. [Russ et al., 2014a]
Tissue section
Elastic Modulus
Ascending aorta: E = 2.0 MPa
Aortic sinus:
E = 1.8 MPa
Annulus crown:
E = 10.0 MPa
Aortic leaflets:
E = 1.2 MPa
Calcification:
E = 60.0 MPa
Ventricle:
E = 120.0 kPa
2.3.3

Material Boundary Modeling

Patient-specific procedure planning currently involves acquisition of CT scan
data to determine anatomic measurements within the area of interest to select
a correctly sized stent model. Tissue elasticity and projected deformation of
leaflets is estimated based on the physician’s experience. The dynamic conditions during a heart-cycle and limited information about the local anatomy during stent implantation may require more sophisticated tools during the planning
phase, which can preview procedure outcome and potential problems.
A multi-material finite element model of the aortic root [Russ et al., 2013a],
involving modeling of ventricle, leaflets, calcification and aortic tissue was
therefore developed inside a framework, which allows TAVI simulation based
on solid mechanics. A remaining challenge in FE analysis of the complex
composition of these organic materials is the definition of soft material boundaries, where material properties change continuously between largely fibrous
sections (e.g. annulus, leaflets) and connected materials (e.g. ventricle, calcification). We therefore compare three major approaches to connect such material
boundaries for volumetric and shell-based FE models:
1. Fixed material boundary (conventional approach using a single material
border).
2. Interpolated layers (interpolated material properties in several parallel
layers).
3. Element-based assignment (individual material assignment for each finite element).
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Experiments were conducted on generic phantom models as well as six patientspecific datasets, for which pre- and postoperative CT data was available. Element resolution of approximately 40’000 shell elements or 200’000 volumetric
elements was selected based on model convergence analysis, which is in coherence with other aortic models [Speelman et al., 2008; Grbic et al., 2010]. The
experimental setup simulates changes in blood-pressure, balloon-expansion
and stent expansion as described in [Russ et al., 2013a].
Our results indicate a reduction in artifacts at material boundaries, which were
introduced as a result of hard changes in material properties between elements.
Approach (2) specifically allows for smooth transitions when using compatible
material parameters, while (3) facilitates an interpolation scheme for material
models with incompatible parameters. Implementing smooth material transitions can effectively improve the accuracy of FE simulation when modeling
soft-tissue material transitions, which is of interest for a variety of medical
applications, such as TAVI.
2.3.4

Calcification Segmentation

Calcifications within the aortic root were segmented using a threshold of 600 HU
on the CT images in a self-made image analysis software based on the open
source toolkits vtk, wxWidgets and OpenMAF. The surfaces of segmented calcification clusters are extracted using the marching cubes algorithm [Lorensen
& Cline, 1987]. To improve mesh quality, an in-house iterative surface regularization method is applied to each extracted polygonal structure within our
mesh processing software, based on open source toolkits Qt, PCL and CGAL.
For integration into the shell-based aortic root surface model, we propose the
use of connector elements that bind the volumetric calcifications to 2D surface elements. Figure 2.8(a) shows the location of connector elements (2),
which tie opposite surface regions of aortic root tissue (3), (4) to the volumetric calcification representation (1). This approach enabled the coupling of
volumetric calcifications with shell-based surface representations. This minimalistic approach to bind calcifications and its effect on TAVI simulation has
been discussed previously in [Russ et al., 2013a] based on a patient-specific
geometric model with individual materials for aortic leaflets, calcifications and
surrounding tissue.
As an alternative approach, we propose an extension to a fully volumetric
model similar to [Auricchio et al., 2013a]. Calcifications are segmented the
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same way as described before, but instead of using connecting constraints on
top of shell elements, the leaflet is represented through volumetric elements
that surround the calcified regions. In our case fine surface details of calcified
leaflet tissue can not be reconstructed reliably due to limited CT scan resolution. Instead, two leaflet surface boundaries are defined along the NURBS
representation in parallel. They are then wrapped around the segmented calcification surfaces from two sides. During the generation of a continuous volumetric mesh, the embedded material boundaries are conserved as shown in
Figure 2.8 (b) and (c), where two calcification examples are embedded inside
a single volumetric leaflet.

(a)

(b)

(c)

Figure 2.8: (a): Calcification (1) segmented from CT scans constraint through
connector elements (2) to the shell model of leaflet (3) and aortic (4) tissue. (b):
Embedding calcification within continuous meshing of the volumetric leaflet.
(c): Highlighted structure shows embedding of calcification in aortic root.

2.4

Summary

Biomechanical models are essential to patient-specific modeling of medical
procedures. The use of anatomical knowledge in combination with patientspecific geometric input parameters allows the design of a multi-material tissue FE model. We have shown a parametric model design based on anatomically realistic constrains, which can be mapped onto patient-specific geometry
to improve model realism in different clinical applications such as TAVI. The
presented method can directly improve in silico modeling with locally optimized tissue characteristics for patient- or population-specific simulations and
can help optimizing biomechanical compatibility of devices.

2.4. S UMMARY
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Our hypothesis implies that the heterogeneity of cellular structure of the tissues, which is most significant around the annulus crown, has a considerable
effect on the outcomes of medical simulation and is not sufficiently represented
in state-of-the-art TAVI simulations. We further assume that each of the outlined anatomical sections can be described using individual, homogeneous material models which, in combination, approximate the heterogeneous multimaterial layout of the aortic root. We therefore presented a multi-material
model in Section 2.3 containing a more detailed representation of the morphology and material characteristics for the simulation of tissue behavior under
dynamic constraints.
By using a parametric model, described in Section 2.2, to represent the aortic
root, we can analyze biomechanical compatibility and determine the optimal
design of implants under consideration of patient-specific anatomy. It further
allows us to perform population-specific experiments, as a range of suitable
material parameters for a common geometric case can be studied. Validation
of our model is performed in Chapter 5 by comparing simulated TAVI stent
deformation with stent geometry measured in post-interventional CT scans.
Taking into consideration the extracted anatomy and material parameters to
generate a biomechanical model may improve planning and execution phases.

3
Stent Deployment for Transcatheter
Aortic Valve Implantation

Contributions in this chapter have been published in Russ et al. [2013a, 2014a].
In silico experiments of stent deployment within patient-specific models of the
aortic root have created an opportunity to predict stent behavior during the intervention. Current limitations in procedure planning are a primary motivator
for these simulations. The virtual stent placement preceding the deployment
phase of such experiments has major influence on the outcome of the simulation, but only received little attention in literature up to now. This chapter presents a methodical approach to patient-specific planning of placement
of self-expanding stent models by analyzing experimental outcomes of different sets of boundary conditions constraining the stent. As a result, different
paradigms for automated or expert guided stent placement are evaluated, which
demonstrate the benefits of virtual stent deployment for intervention planning.
To build a predictive planning pipeline for TAVI we use an automatic segmentation of the aorta, aortic root and left ventricle, which is converted to a finite
element mesh. The virtual stent is then placed along a guidewire model and
deployed at multiple locations around the aortic root. The simulation has been
evaluated using pre- and post-interventional CT scans with an average relative
circumferential error of 4.0 % (± 2.5 %), which is less than half of the average
difference in circumference between individual stent sizes (8.6 %). Our methods are therefore enabling patient-specific planning and provide better guidance during the intervention.

42 3. S TENT D EPLOYMENT FOR T RANSCATHETER AORTIC VALVE I MPLANTATION

Motivation
TAVI is a promising alternative to conventional open-heart surgery, but introduces limitations on accurate interactive control of the implanted prosthesis [Toggweiler & Webb, 2012]. The initial decision regarding stent model and
size for a specific patient is currently based on anatomical measurements extracted from a pre-interventional CT scan in combination with manufacturer
recommendation and personal experience of the surgeon and interventionalist. Our workflow is designed to assist and guide this process by providing
additional information about stent expansion under consideration of leaflet calcification.
At present time a single, arbitrary diameter measurement across the aortic annulus is commonly acquired from a preoperational contrast-enhanced Computational Tomography (CT) scan to derive the most appropriate valve size and
model. Due to the asymmetric layout of the aortic root and calcification distribution, additional three dimensional parameters have been suggested to archive
a more refined valve selection process [Schultz et al., 2009]. The increasing
number of available implant designs with different mechanical properties add
another level of complexity to the decision, increasing the uncertainty for the
clinician. A dynamic patient-specific model predicting the interaction between
any prosthesis and soft tissue could initially support the planning stage, but
also provide useful for intraoperative guidance. Constructing a biomechanical model based on individual anatomical criteria in an effort to derive bestpractice rules for patient selection and implant choice is best served by combining the knowledge of clinicians, engineers, and computer scientists.
With regards to the wide variety of patient-specific anatomy, several stent models and sizes are available to physicians. For procedure planning, only basic geometric measurements such as the cross-sectional area of the aortic annulus or
its diameter and distance to the coronary ostia are currently taken into account
in preoperative planning. Biomedical simulation on the other hand allows the
use of material models and detailed geometric surfaces for patient-specific intervention planning and analysis.
Optimal stent implantation is difficult to achieve and requires extensive training
as navigation during the procedure is based on a projected 2D view as shown
in Figure 3.1. Additional surgery planning and guidance utilities are required
to improve predictions regarding stent movement and deployment behavior.
Finding the optimal initial placement of the prosthesis in relation to the aortic
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root has not been investigated sufficiently by means of FE analysis to the best of
our knowledge. However, implantation depth is an important variable, which
is used to measure success of the procedure as it can be monitored during the
intervention [Toggweiler & Webb, 2012].

Objective
Our goal is therefore to not only use simulation results for TAVI planning, but
extend their use towards procedure guidance. In particular, we develop a novel
workflow to introduce simulation results to a live fluoroscopic video stream that
is aiming at providing predictive support during the challenging task of stent
navigation. Our two main objectives are (1) to provide an enhanced workflow
for TAVI planning, where simulation of the procedure can support the intervention preparation and (2) to use the results of the simulation during intervention,
where it can provide additional guidance and assistance to the physician.

(a)

(b)

(c)

Figure 3.1: Self-expanding stent and aortic root after application of contrast
agents as seen during TAVI in a live fluoroscopic video image. An implantation
depth of 16.8 mm was measured before deployment (a) and 14.0 mm after full
expansion (c), which corresponds to an almost optimal placement. The blue
arrows indicate the stent, while the dotted purple line shows the annular plane.
Stent depth is indicated with a red line below this plane.
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3.1

Tissue Model Initialization

TAVI is performed as a minimally invasive surgery, which implies that the patient’s cardiovascular system continues to maintain blood pressure inside the
aorta. The segmented representation of the aortic root (Subsection 2.2.1) is
based on CT imaging acquired during diastolic and systolic cycles, which results in a pre-existing local pressure exercised onto the tissue.

3.1.1

Soft-tissue Pre-loading

Before stent deployment can commence, the soft tissue components part of the
aortic root have to be pre-conditioned to reflect their configuration accurately
at time of acquisition. The aortic model is therefore being pre-constrained with
a certain amount of pressure. For diastolic scans we assume 80 mmHg pressure
compared to 120 mmHg for systolic scans. Initial pressure onto the aortic wall
is defined as a preconditioning.

3.1.2

Balloon Valvuloplasty

In preparation of TAVI, valvuloplasty is commonly performed to loosen lightly
couples tissue patches around the leaflets and pre-stretch soft-tissue at the location of stent deployment. It is performed to prepare stent release and provide
the stent with a more homogeneous environment it can settle into. Figure 3.2
shows placement of a balloon model along the centerline in the aortic root.
During the intervention the balloon is manually filled with a liquid solution,
which is modeled by applying internal pressure onto the inner balloon surface.
During expansion it is constrained along the direction of the aortic centerline,
but able to move on perpendicular planes parallel to the annulus.
The balloon measures up to 28 mm in diameter, 63 mm in length and 0.06 mm
in thickness. These measurements as well as the Young’s modulus at 600 MPa
with a Poisson ratio of 0.4 were provided in [Tzamtzis et al., 2013; Wang et al.,
2014].
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(a)

(b)

Figure 3.2: (a): Balloon is placed along centerline. Tissue model boundary
constraint highlighted at the top and bottom. (b): Inner balloon pressure applied to expand the model for valvuloplasty.

3.2

Stent Model Definition

A beam-element based model of the self-expanding Medtronic CoreValve1
stent, presented by [Hopf et al., 2012], resembles the stent geometry as measured from micro-CT scan data. A linear nitinol material model was shown to
sufficiently follow stent deformations with an elastic modulus of 58 MPa and
a density of 6.45 g/cm3 . The actual valve prosthesis inside the stent is not
included as its effect on mechanical dynamics of the stent are considered negligible with an elastic modulus and density values several orders of magnitude
below nitinol.
3.2.1

Stent Configuration

To analyze the effects of vascular calcification on stent expansions inside the
AR, the stent is initially aligned with the AR geometry and centered between
the aortic leaflets. The narrow end is constrained to remain leveled with the
1 Medtronic,

Inc., Minneapolis, MN, USA
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LVOT, while the opposite end is stretched into the AA. This step leads to the
initial stent deformation, which is motivated by the crimping procedure to reduce the stents diameter before insertion. Contact conditions are disabled in
this step. To release the stent structure, the displaced nodes at the wider stent
opening are continuously moved in the opposite direction (towards the LVOT),
which establishes initial contact with AL surfaces. In the following simulation step those nodes are released, allowing the stent to open. Experiments are
performed using a 29 mm diameter stent model.
During an actual intervention, the device expands at the bottom level first, but
is constrained by a tube-shaped stent catheter (Figure 3.3), which is removed
continuously. Comparable experimental procedures to our simulation setup
have been described in similar studies [Auricchio et al., 2013a] and allow to
balance control over stent constraints and degrees of freedom during device
expansion.

(a)

(b)

(c)

(d)

Figure 3.3: (a-d): Individual stages of stent release through a catheter into an
abstract phantom model of the aortic root.
3.2.2

Stent Boundary Conditions

The self-expanding Medtronic CoreValve stent was measured by acquiring
micro-CT scan data [Gessat et al., 2011]. It was modeled in three sizes (26 mm,
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29 mm, 31 mm) using Timoshenko-based beam-elements [Hall & Kasper, 2006],
which are connected at their intersection points through adaptive constraints as
described by [Hopf et al., 2012]. Each of the 30 strings consists of 252 linear
beam elements, resulting in 7560 elements for the complete stent. A linear material model (Nitinol Young’s modulus: E = 58 GPa, Poisson number: 0.33)
was shown to sufficiently represent stent deformations within the range of application of final equilibrium.
The guidewire (Steel Young’s modulus: E = 180 GPa, Poisson number: 0.33)
is initialized using 700 beam elements covering a length of 140 mm with a
circular profile at a diameter of 0.9 mm. Its length can be adapted to match a
previously generated centerline through aorta and ventricle. The wire is linked
to the stent through virtual reference points along the centerline of the stent and
15 virtual connector elements at multiple levels (Figure 3.4). It is constrained at
the other end inside the aortic arch preventing any translational displacements.

(a)

(b)

(c)

(d)

Figure 3.4: (a): Self-expanding stent model with boundary constraints towards
the centerline used for crimping and controlled release. (b-d): Different stages
of stent crimping. [Russ et al., 2014a]

3.3

Computational Stent Placement

Cardiovascular disease has retained its position as the leading cause of deaths
in the industrial world for several decades. A growing number of patients at
risk can be directly linked to a growing elderly patient population [Finegold
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et al., 2013]. In parallel, the number of patients with heart valve disease that
require medical treatment is increasing. Older patients commonly face greater
risk of complications during conventional surgery as shown for patients with
severe aortic stenosis [Iung et al., 2005]. Therefore, it is essential to investigate novel procedures and devices related to cardiovascular treatment for this
rapidly growing group of patients.
Aortic stenosis (AS) is a degenerative disease of the heart valve regulating the
blood flow from the left ventricle to the aorta. Underlying pathology is a calcification of the aortic valve leaflets leading to a reduction of the size of the orifice
of the valve resulting in an increased blood flow velocity and pressure gradient over the valve. For compensation, heart muscle cells enlarge, leading to
hypertrophy of the heart and consequently to heart failure. The recommended
therapy is surgical aortic valve replacement performed through invasive openheart intervention. The outcome has shown good long-term results [Rosenhek
et al., 2010] for elective valve replacement, but demands a longer recovery
time.
Transcatheter aortic valve implantation (TAVI) is a minimally invasive procedure for patients with severe aortic stenosis, who are commonly unfit for openheart surgery. In a TAVI procedure self-expandable or balloon-expandable
stents are implanted through a transapical or transfemoral approach inside the
existing aortic valve position. The crimped stent is inserted into the vascular
system through a catheter and led along a previously positioned guidewire. It is
then expanded within the aortic root to push existing stiffened leaflets against
the wall and delivers a valve prosthesis previously sewed into the device as
shown in Figure 3.5. Each stent is available in different sizes to adapt to individual patient geometry around the aortic root.
Existing TAVI simulation environments consider the implantation depth during simulation as static, and boundary conditions of the stent are defined to
maintain a specific implantation depth through constraints. This implies that
the stent does not move along the direction of the aorta during expansion. In
reality, during stent deployment the stent is remotely controlled along this axis
by a physician through a guidewire and the deployment device. The exact
characteristics of the interaction with the stent through this wire depends on
the surgeon’s experience and can hardly be predicted. Furthermore, the stent is
commonly assumed to be rotated perpendicular to the annulus plane and centered between the aortic leaflets [Capelli et al., 2012], which is not generally
true for all procedures as seen in Figure 3.1. The guidewire is commonly bent
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(a)

(b)

(c)

Figure 3.5: (a): Medtronic CoreValve with porcine leaflets. Center: Model of
the stent without leaflets. Right: The CoreValve is implanted with its base skirt
in contact with the stiff annulus section of the aortic root. [Russ et al., 2014a]
along the aortic arch and reaches into the ventricle, where it collides with the
wall and results in an off-centered shift and rotation around the annular plane.
To analyze the effect of a less rigid virtual stent deployment, we propose a
method that involves connecting the guidewire to the stent and therefore imposes no direct positional constraints onto the stent. Instead, its movement
is restricted indirectly through the wire, which provides sufficient flexibility
and allows changes in implantation depth to occur during the simulation. Our
framework implements the following steps:
1. Patient-specific anatomical modeling.
2. Multi-material finite element model generation.
3. Guided stent insertion towards the annular plane.
4. Multiple stent deployment at different implantation depths.
5. Verification of expanded stent positioning.
3.3.1

Computational Stent Placement

The crimping process of the stent is simulated by applying an inbound radial
displacement to all nodes of the stent model, pulling them towards the centerline of the stent. The geometric tissue model is constrained at the end of
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the segmented aortic arch and around the lower left ventricle. A guidewire is
initialized along the centerline, fixated in position only at the side of the aortic arch. The stent sheath is positioned along this wire at the opposing end.
The implantation depth is measured between the annular plane and the base
of the stent furthest inside the left ventricle. After stent placement the stent is
constrained through the guidewire and fixated at the connecting hinge point as
shown in Figure 3.6.

(a)

(b)

Figure 3.6: View inside a segmented mesh, showing the annular plane and extracted centerline. The FE mesh will be fixated within the outlined boundary
condition (BC) regions. The stent is constrained to the guidewire and positioned along the centerline (crimped inside a sheath). [Russ et al., 2014a]
The guidewire is constrained in translation at the area, where it exits the segmented part of the aorta and can otherwise move freely within the aortic root.
Contact constraints are defined using the penalty method without friction between guidewire and the tissue surface. An initial relaxation step is used to
rotate the catheter into the expected angle for deployment as shown in Figure 3.7.
During the next phase of stent deployment the crimping constraints are removed successively starting at the lower end of the CoreValve as if the sheath
was pulled off towards the guidewire. Each of the eleven stent levels is released
individually. Contact computation is based on the penalty method with hard
contact along the normal direction and includes self-contact within leaflets, cal-
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(a)

(b)

Figure 3.7: Prior to removing the catheter from the crimped stent, its angle
compared to the annular plane (dotted line) is adjusted in relation to the connected guidewire.
cification and aortic root tissue. This formulation applies equal and opposite
contact forces to nodes inside direct penetration areas. The penalty stiffness
matrix Kp shown in Equation 3.1 is calculated every iteration and added to the
stiffness matrix Kc to compute the penalty force F for the displacement u.
[Kc + Kp ]u = F

(3.1)

Within the simulation we observe contact forces, strain, and stress of tissue
and stent, but we are particularly interested in overall changes in implantation
depth relative to the annular plane.
3.3.2

Leaflet, Aorta, and Ventricle Model Setup

A low amount of pressure is applied on the leaflets as shown in Figure 3.8 to
simulate a slight opening of the AL as found in systolic movement. This step is
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required to avoid pre-existing contact between the compressed stent and leaflet
geometry. The leaflet elements are connected directly to the aorta elements
and share equivalent nodes. Leaflets function primarily as connective tissue
for calcification in our experiment and will be analyzed using linear elastic and
hyper elastic materials. The aorta and ventricle are constrained in position at
each opposing end.

(a)

(b)

(c)

Figure 3.8: (a,b): Expansion of CoreValve (after initial crimping) shows contact with leaflets. (c): Low pressure (arrows) is applied to each leaflet (blue
outline) to avoid pre-conditioned contact between surfaces. [Russ et al., 2013a]

3.4

Experimental Results

For this work a widely accepted commercial solver (Dassault Systems Simulia Abaqus 6.13) was used for explicit finite element simulation, where kinematic conditions are calculated in an incremental approach to solve for a dynamic equilibrium between mass matrix M , nodal accelerations ü and the
nodal forces, defined by externally applied forces P and internal element forces
I. The calculation of accelerations at the beginning of the current time increment are shown in Equation 3.2, which is integrated explicity through time t
(Equation 3.3).

[M ]ü = P
ü|(t) = [M ]

I
1

· (P

I)|(t)

(3.2)
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The actual deployment accuracy has been measured through evaluation with
CoreValve models segmented in six post-interventional CT scans. The circumferential difference at each level was measured to determine a rotation invariant error metric. For these experiments the implantation depth had been fixed
to ensure a match between in silico results and the actually performed intervention. An average error of 4.0 % (± 2.5 %) was measured within this small
sample volume. We are currently expanding the number of available datasets
for wider evaluation.
The experiments for computational stent placement in TAVI involve six patient
datasets and have been performed on a high-performance computer (CentOS),
allocating 16 AMD Opteron (2.2 GHz) CPU cores and 16 GB RAM for each
job submission. Stent deployment has been initiated at an implantation depth
of 1.0, 4.0, 8.0, 12.0 and 16.0 mm below the annular plane, with an optimal
relative depth deployment specified between 5.0 to 10.0 mm [Jilaihawi et al.,
2010]. The adaptive simulation time-step has a lower bound of 1e 6 s and is
initiated at 0.1 s. Depending on the simulated case the processing time for this
configuration is between 4.5 to 8 hours. After an equilibrium was reached the
centerpoint of the base CoreValve level is used to determine the new implantation depth.
The results shown in Figure 3.9 constitute a difference in implantation depth
before and after stent deployment. There is a slight tendency for the implantation depth to increase, i.e. for the stent to migrate towards the ventricle. This
might partially be explained with the lower end of the stent expanding first and
resolving contact within the area below the aortic leaflets, underneath the annulus plane. In our experiments, this effect appears less prominent for larger
initial implantation depths, when the stent is placed deeper inside the ventricle.
The overall mean change in implantation depth before and after full deployment is 0.94 mm (± 1.62 mm) towards the ventricle.
Stent and aortic root tracking on a 2D projection view based on template matching has been used by [Karar et al., 2011] to introduce additional guidance visualizations as overlays to the fluoroscopic video. The algorithm extracts the
annular plane as well as the stent location and uses the known transformation
matrix of the imaging device to project an aortic root into the scene. As shown
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(a)

(b)

Figure 3.9: (a): Mean difference in implantation depth before and after deployment. (b): Change in implantation depth for each patient (positive: towards
ventricle, negative: towards aorta). [Russ et al., 2014a]
in Figure 3.10, we simulate deployment at a number of possible locations for
stent deployment depths and extend this method to preview full stent deployment as the actual implantation depth can be extracted from the image. We can
further make a prognosis in which direction the stent is likely to move during
deployment, using pre-computed simulation results. Thus, our framework allows to introduce a deployment preview, which was not possible with previous
implementations.

3.5

Summary

We proposed an automated workflow for patient-specific computational TAVI
stent-placement simulation under realistic conditions found during surgery. By
using a TAVI stent deployment approach following closely the clinical practice,
we created a tool that may assists surgeons to predict the movement of implants
from any initial position. The less restraint boundary conditions of our model
allow prediction of complex dynamics during stent deployment, which was
not possible previously. The results show a necessity of the added degree of
freedom to determine changes in stent implantation depth. Even though, our
experiments do not take into account the live interaction a physician could
perform, they provide recommendations for adjusting stent placement prior
to deployment as our prediction takes into account different initial positions
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(a)

(b)

(c)

(d)

Figure 3.10: Implanting the stent at different depths in comparison to the annular plane (dotted line) allows us to analyze variations in stent movement upon
release.
relative to the annular plane. The underlying finite element simulation has
been validated using pre- and postoperative CT scans. Our workflow has been
demonstrated experimentally on six patient cases.
Our results show that the initial placement of the prosthesis is critical to its
behavior during deployment, which is an expected result. However, it was previously not possible to predict deployment shifts during surgery, where patientspecific anatomy and calcification as well as the real world stent placement are
taken into account. We were able to show that different stent initialization
positions can result in large differences in stent drift and therefore the final
implantation depth.
The guidewire is currently only represented in a considerably reduced length
compared to the real world. Simulating the full guidewire insertion procedure
could potentially improve the predicted positioning, but would require additional geometrical knowledge in regards to the positioning of the descending
aorta. In TAVI pre-shaped guidewires are commonly used that rest in the lower
left ventricle, which improves stability when interacting with the stent. For the
purpose of our simulation, however, it is not feasible to consider dynamic interactions with the guidewire performed by a physician during surgery. Instead,
the results of this method are supposed to predict the default stent behavior in
the given patient anatomy.

4
Validation Techniques for Biomedical
Simulation
Contributions in this chapter have been published in Russ et al. [2012].

4.1

Prototyping of Silicone-based Phantom Models

Robust and reliable development of stent designs and materials is an important aspect for medical device manufacturing in relation to procedures such
as Transcatheter Aortic-Valve Implantation. It is essential to perform a variety of experiments at an early stage of this process to define suitable material
requirements and stent geometry. Mechanical simulation of realistic use case
scenarios is a cost and time effective approach to optimize this task. In silico
experiments can assist the device development phase and successively support
patient-specific procedure planning. To establish confidence in the predictive
power of in silico models and the corresponding simulation results, we therefore present a validation framework for stenting simulations. Our workflow allows the comparison of finite element analysis with actual mechanical response
tests using optical tracking of stent deformation in artificial vessel phantom
models. The results indicate that stent and vessel deformation can be analyzed
and validated across well-defined tissue properties within the presented framework.
4.1.1

In silico Validation Framework

The central goal of this chapter is to outline a systematic approach to procedural validation of in silico experiments in relation to stent simulation within
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vascular structures. Initially, phantom modeling of common vascular structures
in human anatomy allows experimenting with related medical procedures in a
controlled environment. The ascending aorta and aortic root are of great interest for analysis of advanced stent design, where the focus is set on the replacement of heart valves. In this scenario the positioning and stent deformation
after implantation are of critical importance to guarantee functional artificial
valves and reduce potential leakage as well as conduction abnormalities. Predictive simulation based on numerical models of the mechanical behavior could
be an important aid in procedure planning. However, validation of these commonly simplified, abstract virtual models is required to establish confidence in
the predicted results. Therefore, a flexible and robust validation framework for
experimental validation of simulated stenting is required.
As mechanical vessel properties are patient-dependent, a rapid prototyping approach to generate artificial vessels can supply a variety of test cases for validation of simulated stenting procedures. A modular framework design allows to
increase complexity of individual components iteratively. Simplified models
support the controlled design of a predictable and robust experimental environment, which is required initially to validate proposed experiments before
increasing material or model complexity.
4.1.2

Phantom Material Specification

For rapid prototyping of vessel-like phantom structures with mechanical properties in the range of soft tissue, a suitable material with adjustable elasticity
parameters is required. The material needs to match mechanical properties of
a common aortic vessel and enable the stable, homogeneous design of an arbitrary, hollow, cylindrical shape. The construction process has to offer repeatability and flexibility for versatile phantom model design to generate a suitable
subset of vessel phantoms at different configurations. For further validation
and experimental analysis, the model is preferred to be transparent to expose
the behavior of an inserted object, such as a stent.
Silicone rubber compounds are used in medical phantom models to represent
soft tissue due to comparable mechanical properties. Dependent on the type of
silicone, it is commonly available as a translucent material, which can be modeled in an arbitrary form with variable mechanical properties. Figure 4.1 shows
tensile strength of multiple silicone compounds available for rapid prototyping
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to generate phantom models of vascular structures, such as the aorta. Using
a variety of material strengths with different elasticity and hardness values allows for adoption of the validation model to specific test cases (e.g. involving
validation against pathologic tissue changes). Silicone-based phantoms commonly feature a high tear resistance and low shrinkage over time. They retain
their shape after multiple iterations of applying high load and can be stored
without significant material decomposition or hardening over a long period of
time.
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Figure 4.1: Stress strain relationship shown for different silicone compounds
to determine elastic material properties experimentally. Multiple load iterations
are performed before a final failure test.
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Physical Vessel Phantom Model Design

A vessel phantom is constructed by applying multiple layers of liquid silicone
rubber onto a three dimensional structure representing the lumen of the vessel.
Initially a regular cylinder with a single diameter was used, which was later
replaced with 3D printed segmentations of the aorta as shown in Figure 4.2.
Particular care is required to achieve a homogeneous thickness appropriate for
the modeled material. By using a representation of the inner lumen, any artificial or patient-specific vessel structure can be reconstructed with this procedure in a chosen vessel thickness with variable mechanical properties. Figure 4.3 shows corresponding material samples, which were used to determine
mechanical properties of each silicone compound.

(a)

(b)

Figure 4.2: Aortic root prototypes made from rigid 3D printed materials (ABS)
and silicone. These vessel phantom models have been developed for experimental validation of stent deformation. [Russ et al., 2012]

4.1.4

Image-based Stent Deformation Measurement

One solution to validate the deformation results of the described setup, is to use
micro-CT imaging for accurate 3D reconstruction of the stent. However, the
large density differences between metal and artificial vessel wall lead to metal
streak artefacts in the images. As this framework aims for a rapid prototype
development environment, we propose the use of a calibrated, high-resolution,
dual camera setup positioned with a 90 degree offset around the experiment
to enable measurement of local stent and vessel deformation through optical
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(a)
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(b)

(c)

Figure 4.3: Material samples for each silicone-compound have been tested
repeatedly under uni-axial tensile loading. Tensile strength for silicone-based
materials are compared to aortic vessel tissue. [Russ et al., 2012]
tracking. We are using the “Caltech Camera Calibration Toolbox” [Bouguet,
2015] following a calibration approach presented in [Zhang, 1999]. Using a
camera-based setup, will allow the use of additional, larger mechanical equipment for load testing, which can not fit into a micro-CT. It does not require
complex tracking equipment and simplifies the experimental design significantly.
By using translucent materials, the stent remains visible inside the vessel phantom. Marking the surface and stent points of interest allows their identification within corresponding images. If required, time dependent experimental
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analysis is possible in this setup, when using continuous image capturing. A
strong limitation of this approach is the required accurate calibration, which
constrains the resulting error. Figure 4.4 shows a standard calibration setup
as used for deformation experiments and highlights two corresponding image
points for reconstruction and tracking.

(a)

(b)

(c)

Figure 4.4: Dual camera setup for image-based local deformation measurement of stents. The arrows identify a matching image point seen from camera
C1 and C2. [Russ et al., 2012]

4.2

Experiments

In this section, preliminary experiments are presented to ensure that the mechanical material model of the stent as well as the used silicone compounds
have been characterized accurately as further deformation experiments will
rely on the same models and experiment design.
4.2.1

Material Characterization

The silicone-based materials listed in Figure 4.1 have been analyzed with robust uni-axial tensile loading tests to evaluate their elastic behavior. Due to
the homogeneous properties of silicone rubber, anisotropic effects are negligible. Within the maximal estimated strains, enforced in stent expansion experiments on the silicone phantom vessel structure, the mechanical response
can furthermore be estimated with a linear elastic material model. However, as
surface contact modeling will be essential, non-linearities have to be taken into
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account within the finite element simulation. The stent’s material characterization is taken from literature [Petrini & Migliavacca, 2011] as well as using
experimentally verified model parameters, acquired with a similar procedure
as the load tests performed on silicone samples.

(a)

(b)

(c)

Figure 4.5: (a): Tissue sample of ascending aorta after uniaxial load testing.
At close inspection the fibre direction is well visible (aligned vertically). (b):
A second aortic root tissue sample including an aortic leaflet (bottom half). (c):
Uniaxial load testing of aortic tissue.

4.2.2

Stent Placement

For experimental validation, the stent is placed inside the vessel phantom as
shown in Figure 4.6. At maximum level of expansion, images are then being acquired to record the deformation. In the presented example, two different phantom vessels (V1 and V2) with different material thickness have been
stented with a Medtronic CoreValve. The self-expanding stent was inserted at
the top end of the silicone tube, while the corresponding lower end of the phantom has been constrained in movement. In the final constellation the thinner
vessel (V1) shows elastic deformation of 129.5 % at its maximum diameter,
while the thicker model (V2) deforms no more than 112.9 %, compared to the
initial geometry configuration.
4.2.3

Simulated Stenting

Virtual experiments, assembled in correspondence to the validation setup, are
performed using a finite element solver. The simulation environment uses the
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(a)

(b)

(c)

(d)

Figure 4.6: 3D stent model reconstruction. Landmarks on the device are highlighted and used to generate a virtual stent representation. Point-based distance
measurement between these markers define the amount of local deformation.
FEA is used for stent simulation and allows the visualization of local deformation magnitudes for stent and vessel. [Russ et al., 2012]

Simulia Abaqus Implicit and Explicit solvers. An example FEA of the CoreValve is presented in Figure 4.6. The outcome of these simulated experiments
can be compared with the previously measured deformation results to validate
the material models and virtual simulation setup.
Finite element models of the vessel phantom as well as the virtual stent model
are generated procedurally with the help of common CAD applications.

4.3

Stent Deformation Comparison

In order to determine the validity of our simulations we compare the deformations found in the real world with our simulated model. Evaluating the difference in geometry is essential to determine the accuracy of our models and can
be accomplished by utilizing common imaging technology.
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4.3.1
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Stent Segmentation from Post-intervention CT

The approach to measuring stent deformation presented in Section 4.1.4 is limited to visible stents. Stents implanted in non-translucent phantom models or
actual patients, require a more robust measurement technique. In this scenario
the implanted stent is acquired through a CT scan as shown in Figure 4.7 and
segmented with a technique presented in [Gessat et al., 2014].

Figure 4.7: CT scan showing a self-expandable stent inside one of our cylindrical silicone phantom models. The implanted stent was placed inside water
for this experiment. The stent is then segmented and compared to the simulated
result for validation of our mechanical model.
The method initially detects general regions of interest by applying a threshold
of 2000 HU to the imagery and collecting connected clusters with a minimum
number of voxels in each of them, which aims at the suppression of irrelevant
high intensity data. The stent is then segmented by selecting seed voxels with
a threshold of 1700 HU and growing connected regions by applying a minimum threshold of 650 HU. Finally, landmark points for each layer of the stent
model are located and the FE stent model is placed in the scene. By allowing a
tolerance around the detected cross-beam intersection points, the FE model is
relaxed and an equilibrium state is reached, which will be used as the extracted
stent location. Figure 4.8 shows a stent segmentation from patient CT data.
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(a)

(b)

Figure 4.8: CT scan showing a self-expandable stent inside one of our cylindrical silicone phantom models. The implanted stent was placed inside water
for this experiment. The stent is then segmented and compared to the simulated
result for validation of our mechanical model.
4.3.2

Characterizing Stent Deformation

We can now extract a stent from any postoperative CT scan and compare its
deformation with our predicted outcomes. As the stent will generally not be
rotated into the exact same configuration in both cases, we initially compare the
circumference, eccentricity and area difference at each level along the stent’s
centerline. Unfortunately, these measures only provide limited information on
local deformation characteristics.
We therefore implemented an algorithm to wrap a homogeneous surface model
around the stent, which allows us to sample the distance between the centerline
and any point on the imaginary stent surface. As we know the default configuration, we can also easily compute the difference between an undeformed stent
and a deformed model. By virtually slicing the stent model into a number
of 2D planar sections and uniformly sampling these around the circumference,
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we can compare stent local deformation as 2D stent maps as discussed in [Born
et al., 2014].

4.4

Results

It is an essential aim of this validation framework to provide a controlled environment for experimental verification of simulated stent experiments. The vascular phantom is modeled using homogeneous silicone compounds to allow a
high degree of control over the expected material behavior and its experimental
setup. A general validation method of virtual experiments has been described,
which can later be used with more realistic and less predictable materials to
provide a common platform for a variety of stenting experiments under predefined constraints.

4.4.1

Phantom Vessels

The generated silicone-based phantom vessels offer comparable mechanical
properties in the same order of magnitude as common human vessels, such as
the aorta. Strong non-linear and anisotropic characteristics as found in live tissue are not present. The homogeneous characteristics of silicone rubber can
not imitate the complex muscular cell structure of vessels. It can, however,
be constructed from multiple layers, which allow the combination of soft and
hard silicone compounds to represent anatomical cell layers such as elastic
membrane, muscle fibre, and connective tissue as a step towards a more realistic soft-tissue model. Currently, the simplified material reduces uncertainties
within the experiments and allows to focus the initial validation effort on stent
behavior. For advanced testing scenarios it remains to be determined if a more
accurate material is required, which allows to model observed stress and strain
values with higher realism.
The vessel phantom material used for Figure 4.6 is based on the DragonSkin
(Shore A: 30) compound. A corresponding finite element experiment with
a linear elastic material model for both the CoreValve stent and the silicone
vessel, has found comparable deformation values with maximum vessel deformation of 125 % (V1) and 110 % (V2) compared to their original diameter.
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Validation Framework

The complete, modular framework for validating stent simulation results is
described visually in Figure 4.9. As seen within the presented diagram, real
world experiments and finite element simulation setup are aligned. The required virtual input model of a vessel lumen can be generated manually from
generic CAD models or derived from segmentations of patient-specific imaging datasets. The actual vessel lumen can then be manufactured using a 3D
printer. The volumetric model of the stent can be constructed in common CAD
applications or acquired through imaging technologies. After performing the
desired experiments in silico and within the vessel phantom, the deformation
results can be compared directly.

Figure 4.9: Completed framework for experimental validation of stents within
a rapid prototyping workflow for vessel phantom construction. [Russ et al.,
2012]

4.5

Summary

We have described a framework for rapid prototyping of silicone-based vessel
phantoms and presented a workflow to validate a simulation environment for
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stenting procedures, which can be related to device design as well as patientspecific procedure planning. Our approach allows the consistent validation and
initial testing of medical stenting simulations in a controlled and predictable
environment. It is designed to offer flexibility towards geometric vessel structures and mechanical properties to support variability in the experimental setup
and offer a potential for integrating pathologies into the phantom. Silicone
models are suitable to establish a basic validation pipeline and allow the generation of an experimental test environment for a variety of simulation approaches. Due to their lack of material complexity, highly realistic results are
not expected. For this purpose, mechanically more realistic materials for vessel
simulation have been developed by companies, such as SynDaver Labs1 . However, silicone phantoms were used in this work with the target to establish an
overall framework which can be used for the validation of more complex stenting models in the future. Once the predictive performance of a specific model
has been verified, it can be used as an in silico experimental environment for
the systematic exploration of the effects of varying stent design parameters
and therefore efficiently optimize new devices. At the same time it offers a
rapid prototyping environment for fast-tracked testing and validation of stents.
The presented workflow is furthermore suitable for the generation of patientspecific vascular geometries by extracting a model of the inner lumen from
image based vessel segmentation as shown in [De Santis et al., 2011]. This
offers a powerful preoperative surgical planning tool, when combined with the
exploration of the dependency of the interventional outcome on inevitable uncertainties of relevant material parameters and boundary conditions.

1 SynDaver

Labs, Tampa, FL, USA

5
Clinical Cases for Predictive
Implantation of Valve Prosthesis
Contributions in this chapter have been published in Russ et al. [2013a,b].
This chapter presents in silico experiments that apply the biomedical models
defined previously on discretized FE meshes to simulate real-world scenarios,
such as clinical interventions. Abaqus/Explicit 6.131 is used as a numerical
solver due to its extensive support for nonlinear FEA and contact problems
involving large deformations. A total of 78 patients have been processed as part
of this study. For each patient we were able to acquire imaging data before and
after TAVI. The extracted post-interventional stents are shown in Figure 5.1.

5.1

Medical Image Data Acquisition

Preoperative CT images are routinely acquired for patients considered for surgical or interventional treatment of aortic stenosis as discussed in Section 1.2.
For the purpose of validation of the predictive simulation, postoperative CT
images were also acquired from a subset of patients. These images were acquired outside of the clinical routine after obtaining a positive vote from institutional review board and written consent from each patient. Experimental
data for clinical TAVI prediction was acquired through the University of Zurich
and its collaborators. For the development and testing of our algorithms, we
were granted access to these routinely acquired images. At this site a secondgeneration, 128-slice DSCT system (Somatom Definition Flash2 ) was used to
1 Simulia,

2 Siemens

Dassault Systémes, Providence, RI, USA
Healthcare, Forchheim, Germany
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Figure 5.1: Visualization of 78 deformed stents extracted from postinterventional CT data. Compression towards the center in blue shading and
expansion in red.
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acquire contrast enhanced Flash CT images. Additional imagery was also acquired with a Brilliance iCT system3 .
Contrast enhanced CT images are generated by injecting 40 mL Iopromide (Ultravist 300, 300 mg/mL4 ) at a flow rate of 4 mL/sec, followed by 40 mL bolus
of saline solution at the same flow rate into the patients blood stream. Bolus
tracking in the ascending aorta is performed with a signal attenuation threshold
of 100 Hounsfield Units (HU). In a cranio-caudal scan direction, an area ranging from the apex of the lungs to the symphysis is scanned. The CT scan is
started automatically based on the previous ten heartbeats in order to reach the
60 % RR-interval at the level of the valve. For each patient we were generally
able to receive a diastolic and systolic CT scan. Pixel spacing was defined at
less than 0.5 mm at a resolution of 512 ⇥ 512 pixel per slice (thickness below
1.0 mm).

5.2

Experiment Setup

For verification of the effect a multi-material aortic root model has on the outcomes of in silico experiments, an exemplary phantom model of the aortic root
was constructed with the presented approach and imported into Abaqus/Explicit.
Initially, the phantom is simulated with two distinct material models for leaflet
(Young’s modulus: 1.2 MPa) and aortic tissue (2 MPa) to generate a comparable baseline. In subsequent experiments the material models are adapted for
each component individually (Annulus: 14 MPa, Trigone Area: 10 MPa, Myocardium: 4 MPa).
The pressure on leaflets, sinus of Valsalva and ascending aorta has been simulated with 80 mmHg to analyze changes in stress-strain relation across the
surface.
5.2.1

Surface Meshing and Material Models

The exemplary patient geometry used in this section is based on a preoperative
CT-scan of a 96 year old female patient, performed at the UniversityHospital
3 Philips,
4 Bayer

Amsterdam, The Netherlands
Schering Pharma, Berlin, Germany
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Zurich, Switzerland using a Somatom Definition Flash CT-scanner. The surface model was extracted using the Philips HeartNavigator [Klink & Kelly,
2011] as shown in Figure 5.2 and discussed previously in Subsection 2.2.1.
The extracted regions are further processed as parametric surfaces introduced
in Section 2.2 to generate continuous transitions and define relevant surface
interaction sections, such as:
• left ventricle (LV) and left ventricle outflow tract (LVOT),
• aortic valve (AV), consisting of three aortic leaflets (AL),
• vascular calcification (VC) found in close proximity to the aortic root
(AR),
• ascending aorta (AA) containing coronary artery (CA) attachments.

(a)

(b)

Figure 5.2: (a): Segmentation of aortic root, valve, LVOT and plaque. (b):
Extracted surfaces showing left ventricle (grey), valvular leaflets (red), calcification (turquoise) and part of the ascending aorta (grey). [Russ et al., 2013a]
Aorta, leaflets, LVOT and ventricle surfaces are considered thin structures,
for which bending stress is negligible within the frames of this simulation.
Therefore, these structures are modeled with two dimensional membrane elements. An intensity based approach is used for segmentation of calcifications using 600 HU). The surface is retrieved using the marching cubes algorithm [Lorensen & Cline, 1987] on voxel regions expanded from individual
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seed-points. The extracted meshes are considered volumetric objects and shall
consists of tetrahedral and hexahedral elements for FEA. Element generation
for finite element meshing is performed using Ansys ICEM CFD. A representative subset of the generated meshes is shown in Figure 5.3 including a valve
segmentation and highlighted calcifications.
Material models for different anatomical sections of the model are assigned
individually. The shell-based sections, representing soft tissue, are assigned
rigid, linear elastic, and hyper elastic material models for individual experiments using 19’776 M3D3 membrane elements and 9’860 nodes. The density
of soft tissue is set to 1.2 g/cm3 with material thickness depending on material
type and patient age group referenced in Table 2.1 (LV: 8.4 mm, AA: 2.8 mm,
AL: 1.6 mm). VC are modeled with a linear elastic, isotropic material model,
using C3D4 and C3D8 volumetric elements at a density of 1.2 g/cm3 .
5.2.2

Calcification and Surface Interactions

Surface nodes of the defined AV calcification are projected onto close LVOT,
AL and AA surface elements depending on their proximity. A tie constraint
is used to combine the individually meshed parts and allow continuous deformation propagation between different materials. General contact between all
elements is enforced, using hard contact along the normal direction. Damping
is enabled with a coefficient of 0.1. The effect of friction was analyzed experimentally comparing frictionless contact with a penalty-based method (friction
coefficient: 0.2 µ).
Valvuloplasty (balloon dilatation) as introduced in Subsection 5.3.2 within the
aortic root is performed before stent implantation to pre-condition the tissue
and move leaflets and calcifications away from the center of the aortic root.
The deflated balloon is positioned at the center of the aortic root and inflated
as shown in an exaggerated example in Figure 5.4. This procedure can also be
used to expand balloon-expandable stents or to perform small adjustments to
the stent location upon full stent release. In the context of this study, however,
its main function remains the initial deformation of leaflets and calcifications.
In contrast to a real intervention, we do not allow a similar time for recovery
between valvuloplasty and stent deployment and instead use the deformed state
as the starting configuration for stent deployment, which improves the overall
stability of the FE simulation.
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Figure 5.3: Visualization of a subset of the segmented preoperative undeformed aortic root models extracted from CT data. The aortic valve is shown
in green with calcifications colored blue.
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(a)

(b)

Figure 5.4: Example valvuloplastly causing large strain onto the aortic root.
5.2.3

TAVI Simulation

After pre-conditioning the aortic root, our model of the self-expanding Medtronic
CoreValve is released dynamically within the aortic root as described in Chapter 3. Our TAVI simulation setup can now be divided into three major stages:
• Valvuloplasty to open the aortic leaflets
• Catheter relaxation to get into position for stent release
• Stent deployment through catheter removal
After the stent is released through the catheter and found an equilibrium state
it will apply constant pressure onto the surrounding tissue. As expected for
an explicit simulation, the stent tends to oscillate and we found damping to be
essential when trying to maintain a reasonable time-step.
Each of the described simulation scenarios shows differences in stress and
strain distribution when comparing single- and multi-material aortic root configurations. The increased local stiffness around the aortic annulus shows a
sizable effect on aortic root deformation under clinical conditions. Through
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consideration of heterogeneous material properties in the aortic root, the average and maximal stresses are increased. Stress distribution for dual-material
experiments can be compared to multi-material results in Figure 5.14, showing
a clear decrease in circumferential expansion of the annulus area as expected
in corresponding clinical applications.
To further improve model adaptation to real soft tissue characteristics, continuous changes in material properties could be considered to allow smooth
material blending at geometric seam-lines. We investigated material property
transitions in Subsection 2.3.3, but have not seen a significant effect in our
simulations, due to the considerable similarity in material behavior. However,
element distribution and arrangement should still follow the underlying material properties, which makes the simulation more robust.

5.3

Performed Evaluation Simulations

The aorta and ventricle elements are simulated in three different configurations,
which shall allow individual analysis of leaflet deformation and aorta-leafletstent interaction:
• static, rigid-body element configuration,
• linear elastic, isotropic membrane,
• hyper elastic (Neo-Hooke), isotropic membrane.
For each of these simulation options, the calcification have initially been removed. They were added in a secondary simulation for comparison. As contact and surface interaction can be considered as major factor for the described
simulation setup, friction might impact the results. As outlined by [Holzapfel
et al., 2005], insufficient knowledge about friction between these surfaces is
available. The effect of friction was therefore experimentally verified, using a
proposed frictionless contact [Auricchio et al., 2013a] and a friction coefficient
of 0.2 µ [Mortier et al., 2010]. The CoreValve representation is consistently
following a model description by [Hopf et al., 2012], using a linear elastic
deformation model, based on inter-connected beam elements.
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To generate ground truth data, the patient’s implanted core valve has been
extracted from postoperative CT data, using a technique described in Section 4.3.1. The deformed stent models (Figure 5.1) are compared by circumference and eccentricity with this ground truth. Results of stent deformation in
relation to different material models for the aortic root are shown in Figure 5.5,
which shows the difference of circumferential expansion for the CoreValve
stent in relation to a ground truth measurement for each patient.

(b) Linear elastic material model

(c) Hyper elastic material model

Figure 5.5: Comparison of circumferential expansion along the length of the height of the stent considering different
material models applied to the aortic root. The difference for each material model is computed with a measurement taken
from post-intervential CT scans as ground truth. (a): The results of using a rigid material model show a clear trend to
under-expansion. (b): The linear elastic model in this case tends to over-expand and generally shows more variance in
the result. (c): The hyper elastic model results in the closest fit to the ground truth.
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(a) Rigid material model
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Every experiment has been performed with two different friction configurations (frictionless, friction coefficient: 0.2 µ). Performance was slightly decreased with active friction, while accuracy was improved 28 % on average
(based on comparing changes in circumference and eccentricity between stents).
For further results, we will therefore consider simulating friction as a required
component of our simulation environment.
Table 5.1: Comparison of circumferential deformation error of stent expansion
with and without calcification modeling. [Russ et al., 2013a]
Aorta Deformation
Material Model
Rigid (full)
Rigid (half)
Linear elastic (full)
Linear elastic (half)
Hyper elastic (full)
Hyper elastic (half)

Without Calcification
Deformation Error
6.7 %
5.6 %
5.9 %
4.6 %
6.0 %
5.2 %

With Calcification
Deformation Error
7.4 %
6.0 %
5.8 %
4.0 %
5.5 %
4.2 %

To allow direct comparison of leaflet deformation without the influence of deformable aortic tissue, the elements related to AA, LVOT and LV have initially
been defined as rigid. Figure 5.6 visualizes the resulting AL location without
and with plaque. Not including the calcification allows the stent to deform
leaflets freely, whereas plaque connected to AL can substantially influence the
prosthesis shape. As the aorta is not deformable, the stent takes a less realistic
final configuration in the latter case, as the device is compressed by surrounding
calcification (Figure 5.7), which otherwise would be absorbed further by aortic
tissue. This experiment results in the highest circumferential error, shown in
Table 5.1, which compares the global error (full) with an error only computed
for the more relevant lower half of the stent (half ), which is colliding with the
leaflets.
5.3.1

Linear and Hyper Elastic Material Simulation

As shown by [Koch et al., 2010] hyper elastic material models can improve
simulation accuracy, particularly under high stress and strain situations. Stent
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(a)

(b)

Figure 5.6: Aorta, LVOT and LV defined as rigid structures for interaction
analysis between stent, leaflet and plaque. (a): Stent expansion obstructed by
plaque. (b): Fully relaxed stent not including plaque (color scale shows AL
stress in MPa). [Russ et al., 2013a]

(a)

(b)

(c)

Figure 5.7: Sequential expansion of CoreValve stent, considering the aortic
root as a static surface. Color encoding is related to stress distribution on
leaflets and calcifications.
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dynamics under consideration of deformable AA, LVOT and LV in our experiments generally decreases the resulting stenting error as shown in Table 5.1.
A critical step during simulation can be seen in Figure 5.8, where the plaque
heavily influences the stents shape, before it deforms the AR surface. This
shows how calcifications actually increase strain on aortic tissue. This simulation can help to predict potential areas of paravalvular leak, where stent and
AR surface are not aligned accurately to result in a sufficiently sealed contact
area.

(a)

(b)

Figure 5.8: (a): Initial phase of dynamic stent expansion showing large stent
deformation dependent on plaque location. (b): The completely expanded stent
is shown at the end of the simulation with leaflets and plaque pushed against
the sinuses (color scale shows stress in MPa). [Russ et al., 2013a]
Figure 5.9 compares the final quasi-static configuration of the simulation under
rigid, linear elastic and hyper elastic material modeling of the aortic root tissue,
while making the aortic leaflets and any present calcifications dynamic across
each experiment to study their behavior under different tissue constraints.
This study further provides clues to identify areas prone to result in paravalvular leaks or coronary obstruction on stent expansion, which can thus be identified prior to an intervention. This is of particular importance to the process of
choosing an optimal implantation height for the stent during procedure planning. In each experiment the stent expands with a final average circumferential
error below 8 %, with generally improved results in the linear and hyper elastic case. When including plaques into these fully dynamic simulations, a clear
tendency to improved simulation accuracy can be seen. It is worth noting, that
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the rigid case shows an increased error when adding calcification as a result of
increased stiffness of the surrounding AR surface (shown in Table 5.1).

(a)

(b)

(c)

Figure 5.9: (a): Result of simulation configured with a rigid AA, LVOT and
LV. The stent is highlighted (red) for increased visibility and shows the largest
amount of deformation in this aortic root region. (b): Linear elastic AA, LVOT
and LV allow further expansion of the stent model. (c): Hyper elastic material model used for computations actually results in a reduced amount of stent
expansion and shows a more dynamic stress distribution across the aortic root
tissue. [Russ et al., 2013a]
Our results indicate that the inclusion of the formation and location of calcification at the aortic annulus and leaflets into TAVI simulations is important,
because they effect the dynamics of stent expansion and tissue interaction in the
model. In particular the quantitative stress and strain implications for tissues
surrounding the plaque are relevant when considering atrioventricular blocks
or annular rupture.
5.3.2

Experiments

A series of in silico experiments was conducted to verify that the described
multi-material model of the aortic root affects the behavior of clinically relevant simulation scenarios related to TAVI. Additional experiments deploy
patient-specific data within our simulation framework to validate if the in vivo
behavior of stenotic aortic valves during TAVI stent deployment can be predicted. Leaflet calcifications have been segmented, but are not included in this
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series of experiments as their effect has been studied in [Russ et al., 2013a] and
is not considered the main focus of this analysis.
In-Silico Verification
We propose a number of model features which have not been described before
or have not been applied to simulating interventional procedures in the aortic
root. Each of the features was added to the model for a purpose. In an in silico
study we implemented our model in a geometrically simplified version (see
below) in which it was easier to study the effect of the different features onto
the response of the model to mechanical load.
Simplified Model
For the verification of the effect our multi-material aortic root model has on the
outcomes of in silico experiments, a simplified phantom model of the aortic
root was constructed with the previously presented methods. It is subsequently
used in an in silico study, where we gradually increased the complexity of
our model to assess the contribution of the model features onto the simulation
outcome. A generic phantom was designed and used for this purpose, to reduce
artifacts within these results.
The phantom model is converted into shell elements following the main anatomical regions of the aortic root. It features a symmetric outline to reduce distortion along the circumference as shown in Figure 5.10. Each individual geometric sections of the aortic root is associated with a different material model and
thickness value following the general anatomical layout. This model allows
an experimental analysis of the effect individual tissue configurations have
on common medical procedures, such as angioplasty and stent expansion for
TAVI.
Experimental Design
To generate a comparable baseline, the aortic root phantom is initially simulated with a single material model and consistent thickness for all tissue regions. For this experiment we use an isotropic linear elastic material model
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(a)

(b)

(c)

Figure 5.10: (a): Spline representation of aortic root. (b,c): Volumetric model
of aortic root phantom, showing different anatomical sections in color and in
an extruded view.
of soft tissue with a Young’s modulus of 2.0 MPa and density of 1.2 g/cm3 .
The poisson ratio of nearly incompressible solids is defined consistently as
0.45 [Nathan et al., 2011; Koch et al., 2010]. Convergence analysis is performed on the aortic root model by increasing element resolution from 500
to more than 150’000 shell elements as shown in Figure 5.11 for a phantom
model and in Figure 5.12 for a patient-specific model of the aortic root. An
element resolution of approximately 40’000 shell elements (S4R) was found
to provide a good trade-off between run-time and model accuracy, which is
coherent with findings for similarly sized aortic models in literature [Speelman
et al., 2008]. In subsequent experiments, the material model parameters are
adjusted for each anatomical component as described in Table 5.2 and adjusted
for local thickness estimates:
• First, each anatomical component is assigned a different stiffness parameter within an isotropic, linear elastic material model.
• Second, an isotropic, non-linear material model based on neo-Hookean
form is used for every model component.
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Figure 5.11: Multiple mesh resolutions of a generic phantom model of the
aortic root used for convergence computation.
• Last, anisotropic materials and local element orientations are assigned to
improve model accuracy further.
The definition of generally applicable material model parameters for organic
tissue is not trivial, as tissue behavior varies according to physiological conditions across individuals (e.g. different age, weight, fitness) and is difficult to
measure in vivo. Table 5.2 outlines material models and parameters defined for
each tissue type used in previous experiments:
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Figure 5.12: Patient-specific model of the aortic root in multiple mesh resolutions used for convergence computation. The models are remeshed as quaddominant meshes to reduce element count and increase the overall element
quality.

Tissue
Region
Ascending Aorta

Young’s
Modulus
2.0 MPa

Material
Model
HGO

Sinus of Valsalva

1.9 MPa

HGO

Aortic Leaflet

3.2 MPa

HGO

Aortic Annulus
Mitral Valve
Interleaflet Triangle
Left Ventricle

22.6 MPa
4.0 MPa
9.0 MPa
0.034 MPa

neo-Hooke
Fung
Fung
HGO

Calcification

50 MPa

neo-Hooke

Parameters
c10 = 4.2, c01 = 3.5, k1 = 3.8,
k2 = 15.9, k = 0.1,
D = 5.0e 4 , ⇥ = 70.9
c10 = 1.8, c01 = 13.7, k1 = 10.6,
k2 = 80.4, k = 6.0e 4 ,
D = 5.0e 4 , ⇥ = 20.0
c10 = 1.0, c01 = 6.4, k1 = 12.7,
k2 = 48.7, k = 0.1,
D = 5.0e 4 , ⇥ = 28.0
c1 = 4.9 MPa, = 2.0
c = 10.7 kPa, D = 1.0e 6
c = 9.7 kPa, D = 1.0e 6
c10 = 0.04, c01 = 15.4, k1 = 6.1,
k2 = 98.4, k = 0.1,
D = 5.0e 4 , ⇥ = 6.8
c1 = 8.9 MPa, = 2.0
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Table 5.2: Elasticity parameters of mechanical models, used in simulation of anatomical tissue regions. Parameters are
based on existing values found in literature Azadani et al. [2012]; Hamdan et al. [2012]; Gasser et al. [2006]; Jermihov
et al. [2011]; Li et al. [2001]; Maier et al. [2010]; Ohayon & Chadwick [1988].
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Each experiment is designed to simulate a time span of ten seconds. General
contact formulation is applied with a friction parameter of 0.2 and damping
defined at 0.1. The inside surface of the aortic root is further assumed to be
pre-loaded with systolic blood pressure of 80 mmHg (0.01 MPa). Boundary
conditions further constrain the movement of the left ventricle apex and the
open outflow region of the aorta in six dimensions.
Two scenarios were implemented according to this experimental routine: Virtual valvuloplasty simulates the inflation of a elastic balloon inside the aortic
valve, virtual stent deployment simulates the release of a Medtronic CoreValve
stent inside the aortic valve.
Virtual Valvuloplasty
Valvuloplasty (balloon dilation) within the aortic root is a routine procedure
before stent implantation. For simulation, the balloon is modeled at inflated
size with an isotropic linear elastic material and a thickness of 0.06 mm. It is
meshed with 4’221 membrane elements (M3D4R) and compressed by pulling
tip and bottom in opposite trajectories. The balloon is positioned at the center
of the aortic root and inflated by applying inner surface pressure and sliding
the opposite ends towards each other. The maximum diameter is defined at
24 mm and balloon movement is constrained at each end in two directions perpendicular to the balloon’s centerline. The balloon diameter after expansion is
measured at multiple points along the centerline.
Virtual Stent Deployment
For the purpose of TAVI simulation, a self-expanding CoreValve device with a
diameter of 29 mm is released dynamically within the aortic root. A FE model
of the stent used in the Medtronic CoreValve Revalving System was described
in [Gessat et al., 2014; Hopf et al., 2012]. The stent is placed at the center
of the aortic root, narrowly underneath the annular plane and compressed by
stretching it to match the initial crimped stent configuration. A tube fixates
the stent and is continuously removed in direction of the ascending aorta for
release. The bottom nodes are constraint along a single direction. On release,
the stent will have initial contact with aortic leaflets and annulus area, where it
applies constant pressure onto the surrounding tissue. To analyze the effect of
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using our multi-material model, the stent circumference and von Mises stress
values at areas of interest are measured after each experiment.
To analyze the sensitivity of this model to local material changes, all stiffness
parameters in each experiment are increased and decreased by 10 % and 20 %
successively. Changes are measured in circumferential difference to the initial
single material simulation.
5.3.3

In vivo Valdiation

The validity of the predictions of a biomechanical model can best be investigated in comparison to measurements performed on the in vivo system the
model represents. The primary purpose of our model is to predict radial forces
between an implanted TAVI stent and the host tissues. A direct comparison
thereof to in vivo data would require a direct means of measuring these forces
in vivo, which is hardly feasible. Mummert et al. [2013] presented an ex-vivo
experiment, where they measured radial and pullout forces on braided Nitinol
stents implanted in ex-vivo porcine and ovine hearts. In Gessat et al. [2014]
we proposed an alternative, indirect, method which uses in vivo CT images of
TAVI patients acquired after stent implantation.
Here, we follow a similar route by directly comparing the post-interventional
stent geometry as predicted by our model to a preinterventional CT image of a
patients aortic root with the post-interventional stent-geometry as reconstructed
from a secondary CT image acquired from the same patient. This requires additional experiments similar to the simulations performed on generic phantom
models (Section 5.3.2), which are now being executed on patient-specific geometry. Figure 5.13 shows a comparison between segmented TAVI stents from
post-intervential CT scans to results obtained from FEA.
5.3.4

Implementation

The proposed experiments have been prepared to run in Abaqus 6.13, utilizing
the Standard and Explicit FE solver for quasi-static simulation of angioplasty
and stent expansion. Initial experiments have been performed on an Intel Core
i7 CPU (3.5 GHz) with 16 GB RAM on four cores in parallel. Additional numerical calculations were later performed on a heterogeneous cluster utilizing
16 processors and 16 GB RAM for each experiment, requiring a processing
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Figure 5.13: Example visualization for comparing stents after completion of
TAVI simulation. The segmented stent models (green) are extracted from postinterventional CT scans and are aligned with their simulated counterparts (red
and blue) for visual inspection.

times of several hours, depending on the material model. Each experiment is
repeated with different material parameters covering natural variance of tissue
properties to analyze parameter sensitivity.
Abaqus/Explicit 6.13 is used as a FE solver for its ability to process complex
contact situations involving different element domains and large deformations.
It provides existing material model implementations for isotropic linear elastic materials as well as anisotropic hyper elastic models, which are suitable
for computation of large elastic strains and modeling of non-linear material
characteristics. Fiber directions for anisotropic behavior are defined along the
circumference as the main axis and in longitudinal direction for cross fiber axis.
Material properties are assumed constant within each anatomically described
region. Enhanced hourglass control and material damping is taken into account
to control excessive distortion and model influence of surrounding blood, defined through a damping matrix C over two parameters ↵ for mass (M ) proportional damping and for stiffness (K) proportional damping (C = ↵M + K).
The damping ratio can be defined for each natural frequency of the system !↵ :

⇠(!↵ ) =

↵
!↵
+
2!↵
2.0
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5.4

Results and Discussion

Each of the described experiments shows differences in stress and strain distribution when comparing single-material (SM) and multi-material (MM) aortic
root configurations, which is expected as the tissue response behavior is modified. The increased local stiffness around the aortic annulus shows a sizable
effect on aortic root deformation under clinical conditions. Through consideration of heterogeneous material properties in the aortic root, the average
and maximal measured stresses are increased. Stress distribution for singlematerial experiments can be compared to multi-material results in Figure 5.14.
The diameter difference of the inflated balloon and fully expanded stent in SM
and MM simulations is shown in Figure 5.15, where a clear decrease in circumferential expansion around the annular plane becomes apparent. Due to
the increased stiffness of the aortic annulus region, the circumference is reduced by up to 6mm, leading to increased pressure and change in local stress
distribution in this area. These findings underline the need for a refined material model of the aortic root.

(a) SMARM

(b) MMARM

(c) SMARM

(d) MMARM

Figure 5.14: (a,b): Comparison of angioplasty with single-material aortic root
model (SMARM) and multi-material aortic root model (MMARM) simulation.
(c,d): Deformation result after insertion of self-expanding stent. (Color scale
shows von Mises stress in MPa.) [Russ et al., 2013b]
For validation of the simulated stent deformation in patient-specific geometry,
a direct comparison based on stent circumference shows a better compliance
when using the MM model, compared to a SM model approach. The deformed
stent model is compared to measured stent deformation, acquired from post-
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Figure 5.15: Difference in stent (left) and balloon (right) expansion for comparison of using a single-material aortic root model (SMARM) and a multimaterial aortic root model (MMARM) for TAVI experiments in a cylindrical
phantom. The difference plot highlights the expected reduced expansion in the
(lower) annulus region when using MMARM, which is a result of introducing
more rigid material layers around the annulus crown.
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interventional CT scans, as discussed in Section 5.3.3 and visualized in Figure 5.16.

Figure 5.16: The extracted stent from post-interventional CT imaging and its
simulated counterpart are compared by circumference and eccentricity at multiple sample levels along the height of the stent for procedure validation.
The overall average circumferential difference for the linear elastic baseline
SM model is found at 4.7 mm, compared to an average of 3.18 mm in our extended MM model. Around the annulus region the average difference in circumference is found at 5.53 mm in the reference compared to 2.9 mm in our
optimized model. As calcifications are not taken into account for these experiments, the circumference is expected to be reduced due to higher compression
as shown in Section 5.3. Figure 5.17 shows the error based on circumferential
differences of deformed stents acquired from SM and MM model simulation.
Confirming our hypothesis, the LVOT and annulus area show reduced error
values, while the region corresponding to the ascending aorta remains at similar values. An additional intersting observation is the reduced error just above
the sinus of Valsalva, which improves the overall fit of the model.

(b) Multi-material aortic root model

(c) Difference (MMARM - SMARM)

Figure 5.17: Error in circumference along the stent’s height between measured ground truth and simulated single and
multi material aortic root models. (c): The difference plot shows a measurable decrease in circumferential error in the
lower section of the aortic root.
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(a) Single-material aortic root model
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In general, the patient-specific geometric model relies on landmarks defined
in medical image data. The anatomical model and FE mesh, however, is optimized on a surface mesh extracted through automatic segmentation. By adapting the model optimization to operate on CT image data directly, local gradient
and curvature values can be taken into account to increase surface detail. The
generic modeling approach based on individual splines and surface patches offers flexibility towards unusual changes in geometry that could be caused by
medical conditions, such as aortic aneurysms or severe calcification of heart
valves. It can also be applied to uncommon bicuspid leaflet configurations,
simply by attaching two of the existing leaflets.
A remaining challenge is the acquisition of detailed patient-specific elasticity parameters, especially when using refined anatomy. Leaflet and aortic
anisotropy have been studied extensively [Holzapfel et al., 2004; Gasser et al.,
2006; Driessen et al., 2008], while the actual material elasticity parameters
have received less attention and remain difficult to obtain for individual patients.
To improve model adaptation to real soft tissue characteristics, continuous
changes in material properties can be considered to support smoother material
blending at geometric seam-lines. However, element distribution and arrangement should follow the underlying material configuration to achieve an optimal
model alignment towards the anatomical cell structure and allow a consistent
material definition.

5.5

Summary

The use of anatomical knowledge in combination with patient-specific geometric input parameters allows the design of multi-material tissue FE models.
We have shown that the integration of realistic anatomical constrains during
model generation improves overall model characteristics within different clinical applications. The effect of a more refined geometric and material model
of the aortic root on the accuracy of simulation results can not be neglected.
The presented method can directly improve in silico modeling with locally
optimized tissue characteristics for patient- or population-specific simulations
and can help optimizing biomechanical compatibility of devices, due to their
performance in phantom as well as patient-specific models.
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Figure 5.18: Visualization of 78 deformed stents showing compression towards the center in yellow to red shading (up to -10 mm) an expansion in blue
(up to 1 mm).

6
Conclusion and Outlook
Transcatheter aortic valve implantation is a minimally invasive off-pump procedure to replace diseased aortic heart valves. Known complications include
paravalvular leaks, atrioventricular blocks, coronary obstruction and annular
rupture. Careful procedure planning including appropriate stent selection and
sizing are crucial. Few patient-specific geometric parameters, like annular diameters, annular perimeter, and measurement of the distance to the coronary
ostia, are currently used within this process.
In order to facilitate surgical conduct and predict procedural outcome, additional therapy planning and guidance methods are required in this field. To
take full advantage of technological advances in medical device design, accurate placement of the implant is necessary. Computer-assisted support systems
play an essential part in minimally invasive surgery, where physicians rely on
imaging technology for reviewing live progress and indirect physical control
of the prostheses.
For this purpose a biomechanical model characterized by population specific
parameters and adapted to patient-specific anatomy is provided. In silico experiments of device deployment within patient-specific models of the aortic
root have created an opportunity to predict implant behavior during the intervention. A patient database containing medical images, planning data, and
procedure outcome has been assembled to validate the simulation.

6.1

Discussion

We present a simulation workflow using a fully segmented aortic root anatomy,
which was extracted from preoperative CT-scan data and apply individual ma-

100

6. C ONCLUSION AND O UTLOOK

terial models and parameters to predict the procedure outcome as shown in
Figure 6.1. Our results indicate the high relevance of calcification location and
size for intervention planning, which are not sufficiently considered in previous
work. Our analysis can further provide guidance for accurate, patient-specific
device positioning and future adaptations to stent design.

Figure 6.1: Overview of approach to validation of simulation results, showing
extraction of aortic root geometry from pre-OP CT data as well as deformed
stent from post-OP CT.
In this work, TAVI simulation has been performed under consideration of leaflet
calcification to analyze its implications on overall aortic root and stent deformation. Additionally, the added value for preoperative treatment planning was
investigated. Our results indicate a substantial effect of plaque location and size
on the dynamics of stent deformation as well as stress and strain distribution
on surrounding tissue.
The presented experimental simulation setup allows more accurate procedure
planning and prediction of potential paravalvular leaks, atrioventricular blocks,
coronary obstruction and annular rupture.
We present a suitable FEA setup for TAVI simulation that allows predictive
analysis for procedure planning for self-expandable heart valve prostheses in

6.2. F UTURE WORK
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relation to leaflet calcification. Potential improvements focus on stent constraints and additional workflow pattern like balloon dilatation or other commonly used stent models.
Human anatomy shows a high variety of heterogeneous materials, which are
based on variable combinations of cell structures. Specific material models [Holzapfel
et al., 2001] are used to approximate their behavior in finite element (FE) simulations. In silico experiments rely on FE meshes to simulate clinical interventions, such as TAVI. We have analyzed the anatomical structure of the aortic
root and presented a parametric model, which considers patient-specific input
data for the generation of multi-material FE meshes. Using parametric models,
we can analyze biomechanical compatibility and optimal design of implants
for patient-specific as well as population-specific experiments.

6.2

Future work

The presented experiments focus on the simulation of self-expanding stents as
well as balloon dilatation. Aortic leaflets, commissures and calcification are
under significant strain, which could lead to material failure. Modeling tearing as part of the finite element simulation is an obvious first step to include
additional information relevant for procedure planning. Including material failure could especially lead to additional improvements in the simulation results
when considering calcifications, which can be brittle.
Simulation of different stent models (e.g. Edwards SAPIEN) and comparing
the tissue deformation results is another area of interest for future work. Even
though we have performed some experiments with balloon inflatable stents, we
have not acquired sufficient data to validate our findings. Figure 6.2 shows a
balloon-expandable stent as one example of additional stents that could be used
in future studies.
To simplify the simulation model we have chosen to ignore many of the dynamic effects present in a real TAVI. Modeling motion introduced through
breathing as well has the beating heart would be worth investigating to simulate deployment in a more challenging, dynamic environment. Adding additional active elements may warrant the introduction of boundary constraints
surrounding the aortic root. Contact and interaction with external tissue regions is commonly considered to contribute little to the outcome of the finite
element simulation, but a comprehensive analysis is outstanding.

102

6. C ONCLUSION AND O UTLOOK

(a) Balloon expandable
stent model

(b) Crimped stent model for
delivery

(c) Implanted stent
after delivery

Figure 6.2: Projecting the existing methodology on alternative stent designs to
simulate TAVI or similar procedures is essential to evaluate the performance of
different stents against each other.
Another area of interest and possible improvement to the prediction results is
related to investigations of stent deployment within a pulsating fluid. Such
fluid structure interaction simulations couple finite element analysis with computational fluid dynamics. A possible approach could introduce fluid through
smoothed-particle hydrodynamics or utilize a coupled Euler-Lagrangian approach. In addition, we currently do not include the implanted porcine valve
into our finite element simulation, which would certainly be an important future step to detect paravalvular leaks and measure the effect of valve pressure
onto the implanted stent.
Another problem often ignored are long term effects of pressure and friction
between implant and tissue. Over time tissue commonly grows around the
stent. The stent may also move due to the dynamic nature of its location over
time. While it is common to study the longevity of implanted medical devices,
their long term effects on tissue have received less attention. Follow-up scans
for TAVI patients are common and it would be feasible to use these for validation of these studies.
Apart from improvements on the aspect of patient-specific simulation, it would
also be valuable to add contributions to the development of methods that utilize
the prediction results to form recommendations for surgery. Currently, we can
asses the level and location of stress and strain inside the aortic root, but do not
derive clinical conclusions from this data.

A
Glossary of Abbreviations
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Table A.1: Glossary of abbreviations
Symbol
2D
3D
AA
AI
AL
AR
AV
AVB
CA
CEL
CT
FE
FEA
HU
LCC
LV
LVOT
MRI
NCC
NURBS
RCC
SAVR
TAVI
TAVR
VC

Meaning
Two-Dimensional
Three-Dimensional
Ascending Aorta
Aortic Insufficiency
Aortic Leaflets
Aortic Root
Aortic Valve
Artrio-Ventricular Node Blockage
Coronary Artery
Coupled Euler Lagrange
Computed Tomography
Finite Element
Finite Element Analysis
Hounsfield Units
Left-Coronary Cusp
Left Ventricle
Left Ventricular Outflow Tract
Magnetic Resonance Imaging
Non-Coronary Cusp
Non-uniform Rational B-spline
Right-Coronary Cusp
Surgical Aortic Valve Replacement
Transcatheter Aortic Valve Implantation
Transcatheter Aortic Valve Replacement
Vascular Calcification
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Material Boundary Modeling of Soft Tissue Compositions for Simulation of
Transcatheter Aortic Valve Implantation. In R. Westermann, & G. Kindlmann (Eds.) 11th World Congress on Computational Mechanics (WCCM
XI). 1.4.2, 2
Russ, C., Sündermann, S. H., Hirsch, S., Falk, V., Székely, G., & Gessat, M.
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