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GENERAL INFORMATION

Contact Details
E-Mail: cbu.office@uni-ulm.de
WWW: http://www.uni-ulm.de/misc/cbu

Venue
The 17th Symposium on Computational Biomechanics in Ulm will take place at Villa
Eberhardt in Ulm, Germany:
Villa Eberhardt
Heidenheimer Straße 80
89075 Ulm

On-site Registration
Upon arrival please check in at the registration desk. You are kindly requested to
pay open registration fees cash on-site. There will be no possibility to pay the
symposium fees on location by credit card.

Badges
Upon registration you will receive a personal badge. You are kindly requested to
wear your badge when attending the scientific sessions and/or social events. At the
end of the symposium, please return your badge holder to the registration desk.

Certificates
Certificates of attendance will be available at the registration desk as of Tuesday
morning, 26 July.

Official Language
The language of the symposium sessions will be English.

Dress
Dress code will be informal for all symposium events.

Exhibition
The exhibition area will be on the ground floor of Villa Eberhardt next to the main
symposium hall.

Wireless Internet
Internet access will be available via Eduroam service. We will also be providing
guest wireless services to attendees without Eduroam support at their home
institutions.

Catering
Coffee and snacks will be served during coffee breaks in the foyer at the ground floor.
Lunch buffet will be available on both conference days during lunch breaks.

Social Event
In order to conclude the first day on Monday, 25 July, all participants are invited to
enjoy a relaxed evening at a scenic Bavarian beer garden.
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12:00 – 12:20

A preliminary analysis on the use of subject-specific FEM models to
define the bone risk of fracture in clinical cases
Improvement Of A Trapezo-Metcarpal Prosthesis By Using Electron
Beam Melting
Optimization of Input Parameters for Fracture Healing Simulation
Incorporating Material Uncertainties into the Simulation of Human Femurs

12:30 – 13:30

Lunch

13:30 – 14:00

Keynote Lecture
Finite Element Analysis at the Spine - From Concept to Probabilistic
Studies

11:20 – 11:40

C. Falcinelli
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M. Steiner
H. Wille

A. Rohlmann

II. Spine
Chair: A. Rohlmann, H.-J. Wilke
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14:20 – 14:40
14:40 – 15:00
15:00 – 15:20

15:30 – 16:00

Finite Element Evaluation of Vertebral Stiffness Behavior in the Lumbar
Region
Nonlinear Finite Element Analysis of Impact Loading on Intervertebral
Disc
Validation of a novel homogenized finite element and µFE model by using
experiments on vertebral body slices
Investigating the Mechanical Response of a Single Vertebra Using High
Order Finite Element Analysis
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I.

ORTHOPEDICS
Chair: H.Schmidt, U. Simon

A preliminary analysis on the use of subject-specific FEM models to define
the bone risk of fracture in clinical cases
Cristina Falcinelli*a, Enrico Schileob, Marco Vicecontia,b
a)Laboratorio di Tecnologia Medica, Istituto Ortopedico Rizzoli, www.ior.it, Italy
a)Laboratorio di Bioingegneria Computazionale, Istituto Ortopedico Rizzoli, www.ior.it, Italy
* cristina.falcinelli@ior.it

1. Introduction
Finite element (FE) models from CT data are a promising tool to non-invasively assess the
bone strength and the risk of fracture of bones in vivo in individual patients. It has
demonstrated to have a high in vitro accuracy [2-4]. Still, clinical applications have not started
since the superiority of the FE-based in clinical predictivity has not been proved yet [8]. The
aim of this work is to compare CT-derived FE strength predictions of the proximal femur to
results of clinically available tools representing the standard of care (T-score and FRAX®).
2. Materials e methods
2.1 Clinical Study
The data have been issued by two clinical study in which the patients are classified in two
cohorts: (i) women with positive anamnesis of low trauma fracture at the proximal femur; (ii)
women without history of low trauma fracture. 24 patients were considered (8 fractured, 16
non-fractured). Each patient underwent: a clinical CT scan at the hip, a DXA exam, and a
questionnaire to assess life habits and patient history. Based on these, FRAX® [1] was
calculated, yielding a 10-year probability of hip fracture.
2.2 Subject-specific finite element model
The FE models (right femur for non-fractured patients and the contralateral for fractured ones)
were generated starting from the CT dataset using the following procedure: (i) CT
segmentation (ITK-SNAP 2.0.0, http://www.itksnap.org) to extract the 3D bone surface; (ii)
10-noded tetrahedral finite element mesh generation (Ansys ICEM v12.1, ANSYS Inc,
Canonsburgh, PA, US); (iii) mapping of Young’s modulus on the models on the basis of the
CT density information (BoneMat©([4])). Analysis were performed using Ansys. The FE
modelling procedure has been validated in vitro for the prediction of strain and fracture [2-5].
The model was fully constrained in the distal region. A set of 12 different loading
configurations was applied to each femur. The directions of these loads sample the whole
cone spanned by the hip joint reaction as recorded by Bergmann ([2], [7]) for a wide range of
motor task (Fig.1). Linear elastic analyses were performed. The bone strength was evaluated
using a maximum principal strain criterion, including asymmetry in the tensile/compressive
limit values ([6]) as suggested by [3]. To derive bone strength, the results were averaged on
an area of 3mm around each node, to avoid local effects and due to the models validation in
terms of deformation, performed on that size scale [2].

Figura 1. a) Sketch of the loading conditions applied to the FE models. b) The predicted strength versus Tscore (whose values are on the y negative semiaxis) and FRAX (whose values are on the y positive

3. Results
Preliminary results on 9 femora showed a high correlation of FE predicted strength with Tscore, but not with FRAX®. However, the weakest and strongest bone concordantly identified
by the three methods.
4. Discussion
All three methods seem to clearly identify cases at high or no risk. The observed discrepancy
between FE and FRAX® for several femora will have to be re-evaluated on a larger sample,
also comparing the ability to discriminate between fractured and non-fractured.
The main limitation of this study is that FE models currently evaluate the bone strength rather
than the risk of fracture. A coupling with a muscle-skeletal model will be considered in order
to carefully identify realistic boundary conditions. One other limitation resides in the
assumption of equal risk between contralateral bones. However, this assumption is widely
used in similar studies. The FE models sensitivity to this assumption will be evaluated in the
near future, when bone strength prediction of contralateral bones for the non fractured cases
will be available.
5. Acknowledgments
EU project VPHOP (FP7-2008-ICT-224635) and Region-University Research Program 20072009.
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Improvement Of A Trapezo-Metcarpal Prosthesis By Using Electron Beam
Melting
Guy Guerlementa*, Dhouha Farhata, Laurent Van Parys a, Daniel Lamblina, Selim
Datoussaida, Carsten Engelb , Pascal Ledouxc
a) Department of Civil Engineering and Structural Mechanics, Polytech UMONS, www.umons.be, Belgium
b) Sirris: Collective Centre of the Belgian Technology Industry, www.Sirris.be, Belgium
c) Clinique du Parc Léopold SOS Main, Brussel, Belgium
*) Guy.Guerlement@umons.ac.be

Introduction
Total arthroplasty of the trapezium-metacarpal articulation is a surgical intervention that has
the need to place an implant instead of the normal articulation between the metacarpal bone
and the trapezium bone. This operation is quite common and remedies to traumatisms or sharp
and painful arthritic situations. Currently, most bone implants are made out of Titanium alloys
coated with Hydroxyapatite. This choice is essentially due to the excellent biocompatibility
properties of Titanium alloys. However, the Young modulus of these alloys is largely higher
than the bony one, and this difference in stiffness seems to be the major cause of the bone
tissue degradation.
Thus, our research objective is to investigate the causes of the damage and progressive
pathologies after an arthroplasty of the trapezium-metacarpal articulation and optimize the
design of the prosthetic implant.
Materials and Methods
Based on Dr.Ledoux’s prosthesis (Fig. 1(left)) as a model in this study, we have developed an
evolutionary 3D finite element model with ABAQUS (SIMULIA) program and this with and
without the inserted implant by taking into account « the stress shielding » phenomena for the
prosthetic configuration[1]. Under realistic loading conditions (Table 1), isotropic elastic law
was used to model the behavior of the bone by using the stimulus concept according to the
Wolff’s law [2] to govern the remodeling process.

Figure 1: Dr.Ledoux’s prosthesis (left) and Bone lysis shown in an X-ray
photography (right).
Table 1: Loading on metacarpal bone [3].
Lateral Pinch (50N)
Value(N)
Normal force in metacarpal bone
250
Shear force in metacarpal bone
10
Normal loads in pulleys
20
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Results
The distribution of local specific mass in the bone, as a consequence of the remodeling
process is presented at different time periods, Tj=jΔt (j=0, n). T0 being the time immediately
after the surgical intervention. Figure 3 predicts a progressive destruction of the metacarpal
bone which is confirmed by the X-Ray postoperative photography (Fig. 1(right)).
To improve this pathological distribution, we intuitively developed a virtual functionally
graded Young’s modulus implant in Titanium. Fig. 2(left), compared to Fig. 2 (right) shows
an improvement for a given time with a significant extension of the lifespan of the implant.
More details are available in [4].

Figure 2: Sagital view: Time depending bone specific mass evolution with Dr. Ledoux’s prosthesis (left)
and with an intuitively optimised prosthesis (right).

Discussion
The latest results have guided our research orientation in order to optimize the implant.
Indeed, we suggested that we shall optimize the Young’s modulus distribution to match with
the initial elasticity of the cortical and trabecular bone with a fixed external geometry. The
external surface might be rather porous promoting bone ingrowth or continuous with a certain
roughness facilitating the coating deposit (Fig.3). The implant’s anchorage could thus be
evaluated by examining the contact stresses at the bone implant interface. The realization of
such an implant respecting all the mentioned constraints above is feasible thanks to the
Electron Beam Technology (Arcam) available at SIRRIS(which is an Additive Manufacturing
process in which fully dense solid parts as well as porous ones are fabricated by melting a
Ti6Al4V powder layer by layer with an electron beam.

Figure 3: Samples produced by SIRRIS (A2 machine).

Acknowledgments
The collaboration of SIRRIS (Gosselies, Belgium) was highly appreciated.
References
[1]
[2]
[3]
[4]

Berlenger, J.P. 2000, Engineering Degree Diploma-Work. Polytechnic Faculty of Mons
Maquet, P. et Furlong, R.1986, The law of bone remodeling. Springer Verlag Berlin
Salme, G. 1997, Engineering Degree Diploma-work. Polytechnic Faculty of Mons
Lamblin, D., Guerlement, G., Van Parys, L. et Datoussaid, S. 2006, Computer Assisted Mechanics and
engineering sciences. IFTR, Polish Academy of Sciences. 13, p.583-592

th

17 International Symposium on Computational Biomechanics in Ulm CBU 2011

Optimization of Input Parameters for Fracture Healing Simulation
M. Steinera*, L. Claesa, A. Ignatiusa, F. Niemeyera, U. Simonb, T. Wehnera
a) Institute of Orthopaedic Research and Biomechanics, Center of Musculoskeletal Research, Ulm University,
Helmholtzstrasse 14, 89081 Ulm, Germany
b) Scientific Computing Centre Ulm, Ulm University, Helmholtzstrasse 20, 89081 Ulm, Germany
*)malte.steiner@uni-ulm.de

Introduction
The numerical simulation of fracture healing processes is sensitive to many different input
parameters such as mechanical conditions, biological influences and material properties. An
extensive literature review on different studies examining properties of involved tissues
showed a huge variety of values for each parameter [1]. Concluding that for each material
parameter the exact value is not known, ranges between upper and lower boundaries have to
be used. In a published numerical model for healing simulation [2] we discovered significant
differences in the results depending on the starting values within these boundaries for each
input parameter. Thus, an inverse-calibration of the model is necessary to find model-specific
optimal values for every input parameter with the goal to achieve a valid model which is able
to simulate the course of healing for different mechanical conditions without parameter
adjustment.
Materials and Methods
The parameter optimization is performed on a published fracture healing algorithm [2, 3],
which is implemented in ANSYS (available from: www.ansys.com) and uses a fuzzy logic
algorithm (Fuzzy Toolbox in Matlab (v6.0 R12), TheMathWorks, Inc., Natick, MA, USA) for
calculation of tissue differentiation processes. The model simulates the healing of a
diaphyseal osteotomy in an ovine metatarsus of six groups of different axial stability and
calculates the course of interfragmentary movement (IFM) over the healing time. Predicted
IFM were compared with measured movements of previous experiments in sheep [4]. The
residuals between the in-vivo data sets and the simulated courses of healing are calculated as
“sum of squares” Ri (i=1…6) for each of the six cases. The overall summation of the Ri
represents the objective function obj for the optimization process (Eq. 1):
6

obj   Ri  min

(1)

i 1

For the optimization process we used the optislang software package (DYNARDO GmbH,
Weimar, Germany) in two steps: first we identified the most influencing parameters by
applying a sensitivity analysis through the “design of experiments” approach; second we
optimized these parameters using an advanced response surface method implemented in
optislang. The “design of experiments” method sets up an array with an amount of different
parameter-value combinations depending on the used method. The influence of each
parameter is predicted by the coefficient of importance. For the following optimization
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process the most influencing parameters are selected. The advanced response surface method
calculates for every iteration step a specific amount of support points between defined
boundaries. Through these points a quadratic approximation function is calculated; the
minimum of this function is used as central point for calculation of the boundaries for the next
iteration step. The optimal value is found when the objective function reaches the termination
criterion.
Results
The sensitivity analysis showed that there were six out of 14 investigated parameters most
influencing on the outcome of the simulation model. The optimization algorithm on these six
parameters was able to minimize the differences between the simulations and the in vivo
results to acceptable values. Therefore, it was able to find one set of input parameters for
simulating all investigated sheep experiments in general.
Discussion
The presented method of inverse parameter calibration using optislang software represents an
adequate procedure for detection of model-specific optima in a wide range of parameter
values. Therefore, numerical models can be adjusted to gain a higher lever of validity by
finding appropriate values for input parameters with high uncertainties.
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Incorporating Material Uncertainties into the
Simulation of Human Femurs
H. Willea, S. Kollmannsbergera, E. Ranka and Z. Yosibashb*
a) Technische Universität München, www.cie.bv.tum.de, Germany
b) Ben-Gurion University of the Negev, www.bgu.ac.il/~zohary, Israel
*) zohary@bgu.ac.il (corresponding author email)

Introduction
Recent studies have shown that patient-specific finite element analyses (FEAs) based on
quantitative computed tomography (qCT) are able to accurately predict on average the
mechanical response of human femurs when compared to in-vitro experiments [1]. However,
for individual values the accuracy of the prediction is highly dependent on the employed
material relationship between the Young’s moduli E and the densities ρ of a bone. In the past,
many research groups have developed different deterministic material relationships E(ρ), each
being based on tests performed on small pieces of bone tissue (see [2] for a literature review).
Within the research community there is no consensus on which relationship is reliable enough
to be used in a patient-specific FEA.
Since the experimental data of different material relationships shows a large variation, our
goal is to investigate the influence of the material uncertainty on the mechanical response.
Materials and Methods
We first pooled E – ρ data from various experiments on the femur reported in the literature
(Fig. 1 – left). Because the transversal Young’s moduli in the cortical bone are significantly
lower than the longitudinal ones, the data from Keller and the transversal part of Lotz et al.
are discarded (the former does not distinct between the different directions). On the remaining
experimental data a regression analysis by least squares is performed in order to fit a power
function which describes the material relationship best on average (Fig. 1 – right). This
deterministic function is then extended by a single random variable assuming that the scatter
of the data is the result of an independent randomly distributed error, representing all relevant

Figure 1: All pooled experimental data, partially recovered from literature (left) – comparison of
reported material relationships and the deterministic function of the new relationship in green (right).
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Finite Element Analysis at the Spine –
From a Conceptual Model to Probabilistic Studies
Antonius Rohlmanna, Thomas Zandera, Schmidt Hendrikb
a) Julius Wolff Institut, Charité – Universitätsmedizin Berlin, Augustenburger Platz 1, 13353 Berlin, Germany
b) Institute of Orthopaedic Research and Biomechanics, Center of Musculoskeletal Research, Ulm University,
Helmholtzstrasse 14, 89081 Ulm, Germany

Low back pain may be caused by mechanical factors. Research is therefore often performed
using numerical models as they are well-suited for determining the mechanical behaviour of a
structure. In this case, the realty of interest (low back pain) is abstracted to a conceptual
model (mechanical factors of the spine). Thus, abstraction leads to a mathematical description
of reality (e.g. ligaments are regarded as springs which deform according to a certain load).
By numerical discretization of the structure and with the introduction of convergence criteria
etc. a computational (e.g. finite element) model is created which allows the calculation of
simulation results [1].
Before creating a numerical model the researcher needs to ask: what questions do I want this
model to answer? [6]. Questions regarding statics can often be answered with a finite element
(FE) model. For the creation of a FE model the geometry of the body of interest, the material
properties of the different components, knowledge about the boundary conditions and loads is
required. In the case of the spine, the geometry can be transferred e.g. from computed
tomographs, magnetic resonance images, from the visual human project.
The material properties of the spine components vary strongly and are mostly only available
from in vitro studies. The elastic modulus of the nucleus pulposus may be 100 kPa while that
of the cortical bone of the vertebra may have a value of 10 GPa. Unfortunately,
experimentally determined material values vary strongly in the literature even for the same
structure. Thus, it is not sufficient to adopt a certain literature value and then assume that the
results can be generalized.
Also the boundary conditions and especially the applied loads differ drastically in different
studies. However, realistic loading of a finite element model is crucial. Unfortunately, only
few in vivo measured data exist, e.g. intradiscal pressure and the loads on spinal implants. In
studies involving the spine, it is usually simplified loads which are utilized e.g. those acting in
one of the three main anatomical planes in order to simulate flexion/extension, lateral bending
or axial rotation. Often a pure moment and a follower load are used. The boundary conditions,
especially those of the most cranial vertebra are also important. Most realistic results can be
expected when this vertebra is unconstrained [3].
Verification and validation of a numerical model are mandatory. Verification is the
demonstration that the numerical model accurately represents the underlying mathematical
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model and its solution. By code verification, logical and programming errors in the code are
identified while solution verification quantifies numerical errors that have a significant
influence on the results. The latter are mainly discretization errors. Validation is the process
of determining the degree to which a model is an accurate representation of the real world in
view of the perspective of the intended uses of the model. Seen in a simple manner,
verification means solving the equations right, while validation stands for solving the right
equations [5].
To account for uncertainties and errors, probabilistic studies should be performed. In
probabilistic studies, uncertainties and natural variations are incorporated into the model [4].
The values of each input parameter are sampled randomly from the appropriate distribution
and used in the model. Calculations are performed for a great number of combinations. Thus,
a result distribution is determined rather than a deterministic result. With the help of statistical
methods the probability of certain results can be determined. In a subsequent sensitivity
analysis, the coefficients of importance can be calculated in order to determine the influence
of single input parameters on the variance of the results.
To conclude, in computational biomechanics, analysts must convince their peers that
1. The model is an accurate representation of the underlying physics of the problem
2. The mathematical equations governing the model are implemented correctly
3. An assessment of error and uncertainty is accounted for in the model predictions [2].
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Introduction
According to the International Osteoporosis Foundation, worldwide, an osteoporotic fracture
is estimated to occur every 3 seconds and a vertebral fracture every 22 seconds [1]. The
constant raise in the average age demands the establishment of accurate computational models
for the treatment of diverse bone disorders with the goal of avoiding unsuccessful and
expensive surgical procedures. The establishment of a process that through an iterative
technique allows the individual determination of stiffness in the vertebral region represents a
step forward towards an effective generation of individual medical implants within short
periods of time.
As computational technologies evolve, the software tools used in the development of noninvasive examination techniques grow in complexity. Finite element method (FEM) is one of
these technologies. The present study focuses on the procedure for evaluation of vertebral
stiffness in the lumbar region through the exploration of different simulation conditions that
better resemble spinal bone conduct.
Methods
In order to achieve an adequate construction of a vertebral model for stiffness exploration, the
following basic steps are followed:
• Segmentation of the CT-Data with MIMICS to obtain STL-Data is executed.
• A volumetric mesh construction with ANSYS’ ICEM is conducted.
• Finally, density and elastic modulus are calculated as a function of the corresponding
greyvalues (Hounsfield Units [HU]) in the region of interest. This calculation is
evaluated according to Eq.1 and Eq. 2 [2, 3], and locally assigned to each volumetric
element of the mesh with MIMICS. The data is then exported into ANSYS APDL to
proceed with a mechanical simulation to investigate the vertebral stiffness.

ρ = 0.0132 + 0.001 * HU

(1)

E = 700 * ρ 1.91

(2)

Although, the properties of the material are determined and assigned locally for each element
of the volumetric mesh in isotropic manner, the global material behavior is anisotropic, thus
closely resembling the conduct of spinal tissue.
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Results
Lumbar vertebrae L2, L3, and L4 were evaluated with the application of two different
element type definitions. Quadratic 10-Node Tetrahedral Structural Solid and Linear 4-Node
Tetrahedtral Structural Solid, were used to evaluate the assigned material behavior in the
different vertebrae. Linear 4-Node elements present a simple linear behavior in the elastic
region and are considered state-of-the-art; in contrast, Quadratic 10-Node elements present a
parabolic performance in the elastic region due to the inclusion of mid-side nodes, providing
higher accuracy in exchange for increased calculation times. (Fig. 1)

Figure 1.
Nodal cloud comparing SOLID72 (left) and SOLID92 (right) elements.

Discussion
The behavior of Quadratic 10-Node elements provided higher stiffness values in comparison
with those obtained with Linear 4-Node elements, thus better resembling the conduct of
vertebral tissue. The usage of the previously described procedure is to be further explored
under lately developed technologies (ANSYS Workbench), until now hindered by the data
transfer compatibility among the involved tools.
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Introduction
The intervertebral disc (IVD) is the main structural joint of the spine and plays a fundamental
role in mobility and load transmission of the body. After a certain age, biological changes
affects its mechanical behaviour which go under the name of disc degeneration. The acute
state of the disease is often associated with low back pain, one of the more invalidating
pathology for the human society. Therefore, it is important and clinically relevant limit the
factors which could entail/trigger such phenomena. Our group has recently demonstrated on
an animal model a direct link between spinal trauma (impact) and disc degeneration [1], while
it is also well known that long-term exposure to vibrational loading is also detrimental to
normal disc metabolism, [2,3]. In order to implement a model for studying those loading
scenario and their influence on the system the dynamical behaviour of the disc has to be
analysed. The usual approach to investigate the IVD mechanics and internal stress distribution
makes use of the finite element method. The aim of this study was to investigate the IVD
dynamics under impact through numerical methods. In particular, the non-linear material and
composite composition has been taken into account.
Materials and Methods
The IVD was defined as a semi-elliptical shape, distinguishing between its subcomponents,
(Figure 1). The nucleus pulposus (NP) was assumed occupy 45% of the volume. The annulus
fibrosus (AF) was organized in layers, with alternating fiber orientation (+/- 30° with respect
to the transverse plane). The disc bulge was assumed uniform for the NP and AF. Their
material response have been described by a hyperelastic formulation. A Neo-Hookean model
was used for the NP, assuming a homogeneous incompressible material, Eq. (1). A modified
Yeoh's model was used for the ground matrix of AF, Eq. (2). The embedded nonlinear
collagen fibers were described by an exponential formulation, Eq. (3).
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Where C=FTF is the right Cauchy-Green deformation tensor, F the deformation gradient
tensor, J = det(F) the volume change, I1 the first invariant of deviatoric C=J-⅔C and I4 the
fourth invariant of C. C10NP, C10AF, C20AF, DNP, DAF, k1 and k2 are material coefficients.
Through the analysis of experimental data from literature, the NP and AF parameters were
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defined. Simulations were run to study the structural behavior under impact. We evaluated the
vertical displacement of the top surface and pressure on the central node within the NP. The
disc was loaded by a uniform pressure impulse on the top surface (area 1335 mm 2, time of
impulse 10-3 s, force 50 N). The bottom was rigidly fixed, whereas the kinematic of the nodes
of the top surface were constrained to lie on the same plane without any radial/circumferential
displacement.
Results
The vertical oscillation of the top is shown on Figure 1(a). The oscillation of the system was
asymmetric, i.e. not centered on the reference position, circa 0.025 mm upward. This
phenomena could be caused by the pressurization of the disc induced by the impact. That is,
the sudden raise of the internal pressure induced a new point of equilibrium for the system.
The frequency of the mode resulted circa 11.2 Hz. The propagation of the pressure wave
along the minor disc axis (mid-section) is shown in (Figure 1.(b)). The peak of internal
pressure was in concomitance of the bounce of the pressure on the bottom. The pressure wave
interested mainly the nucleus pulposus with the annulus fibrosus acting as collector.

Figure 1: Vertical displacement of the top, central node (left), Propagation of pressure
wave in a 8 layer model (right)

Discussion
The present study is a first toward a biomechanical model of the disc to analyse influence of
high frequency loading influence. The frequency of the vertical oscillation resulted in good
agreement with Izambert et al. [4] which experimentally found a resonant frequency of 8.7
Hz. The difference could be to the absence of any dissipative effect which would reduce the
overall oscillation. Limitations of the methods regarded either the shape of the disc and the
constraining of the system which was assumed rigid.
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Introduction
The ﬁnite element method (FEM) is a better predictor of vertebral body compressive stiffness
and strength than estimators derived from QCT or DXA [1]. It has been successfully applied
to investigate the mechanical properties of human vertebrae [2]. Proposed vertebral FEM
model types can be split into µFE models and homogenized continuum-level models (hFE).
However, any numerical model needs to be validated. Recently we showed that enhanced hFE
models were numerically comparable to µFE models when predicting vertebral stiffness [3].
The purpose of this study was to compare “back-calculated” µFE models (gold standard) and
well calibrated enhanced continuum-level hFE models with respect to quantitative predictions
of experimental vertebral body compressive stiffness and strength in-vitro.
Materials and Methods
Thirty-five vertebral body slices were prepared by removing endplates and posterior elements,
scanned with HR-pQCT and tested under compression up to failure with a novel testing setup
[4] (Fig. 1, left). In parallel, hFE and µFE models were prepared from segmented as well as
gray-level CT images (Fig. 1, middle) similar to [3] and computed within the linear range.

Figure 1: Test setup (left), µFE and hFE model (middle) of a human vertebral body slice, BV/TV and
maximum fabric direction of the trabecular centrum as well as cortex (right).

The novelty of the hFE model was the consideration of an orthotropic density dependent
trabecular centrum and cortex (Fig. 1, right).
Results
A comparison of apparent stiffness values between simulations and experiments (Fig. 2)
showed similar correlations for μFE (left) and hFE models (right). Models based on
segmented images lead to higher correlations (r2=0.842-0.863) than the ones based on graylevel images (r2=0.748-0.754). Excellent quantitative predictions were obtained.
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Figure 2: Regression equations, correlations
(r2), and concordance correlation (cc) of
apparent stiffness values for segmented (SEG)
as well as gray-level based (BMD) µFE models
(left) and hFE models (right). Data are
obtained from compression tests (N=35) and
extracted from the linear range of forcedisplacement curves.

High correlations between experimental apparent stiffness and strength (r2=0.898, Fig. 3, left)
indicated that vertebral section stiffness had a strong predictive ability for strength. Even
higher predictive ability for strength was found by the apparent stiffness of the models
(r2=0.920-0.924, Fig. 3, right).

Figure 3:
Regression equations and
correlations of apparent stiffness against
ultimate strength from experiments (left) and
simulations (right). Experimental data were
obtained from compression tests (N=35).

Discussion
A key factor for the success of the hFE models was a proper calibration of morphological and
material model parameters. Another important factor was the use of BV/TV- and fabricdependent orthotropic material properties for both trabecular core and cortex.
Limitations of the study were the consideration of linear FE analyses and vertebral slices
without endplates. This does not reﬂect the in vivo loading situation. However, the goal of the
study was the experimental validation of the models.
This study showed that μFE and hFE models based on HR-pQCT images provided
quantitative predictions of experimental vertebral body stiffness under compression or in
other words validated the linear FE models. In contrast to μFE no fitting and much less
computational effort was necessary. Furthermore, simulated apparent stiffness values of linear
FEM analyses were highly correlated with experimental compressive strength and confirmed
that the presented stiffness results were good predictors for bone strength without the need of
non-linear analyses. Additionally, these results provide strong support of the usage of the
enhanced continuum-level hFE model for the prediction of human bone stiffness and
extension to strength.
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Introduction
The vertebrae are affected by osteoporosis and prone to fractures. Thus an accurate patientspecific model may be of major clinical importance to determine fracture risk, study implants
systems and helping pre-operative implants. The main purpose of this work is to construct a
reliable subject specific finite element model of a human vertebra with geometry and material
properties retrieve from CT scans to predict its biomechanical response.
Materials and Methods
A lumbar (L1) vertebra is considered from an entire spine CT scan of a healthy patient. The
CT data was processed by a semi-automatic algorithm developed in our group for the human
femur [1,2], to construct a 3D patient specific model of the vertebra. The main stages of the
model generation are illustrated schematically in Figure 1 and detailed herein briefly:

Figure 1 – Schematic p-FE model construction from the CT scan.
The solid model is then imported into the p-version FE software Stress-Check for the FE
analysis and a tetrahedral mesh is created automatically. A load of 1000N, representing a
70Kg person, was applied on two different planes: 800N were applied at the upper body and
200N at the facet joints; the lower endplate and facets were constrained in all directions as
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shown in Figure 1. The material properties were derived from the CT data. Each pixel has a
HU number, which represents the density in that specific voxel. The HU number is converted
into an inhomogeneous density and then into Young modulus using the correlation proposed
by Kopperdahl [3]. Inhomogeneous continuous isotropic material properties were assumed
within the model so that each integration point has a different property.
Results
A p-FE analysis was performed by increasing the polynomial degree over the element to
monitor the error in energy norm until convergence. After verifying that the model is free of
numerical errors results are being extracted at p=8. The highest main strain (z direction)
reported is 0.00248 mm/mm at the lower endplate, and the largest displacement is 0.072 mm
at the upper articular facets. Both results agree with values reported in the literature for
similar load and similar vertebra. Figure 2 shows the plot of the strains distribution and
displacements in the vertebra.

Figure 2. Strains (left) and displacements (right) in the vertebra model.

The convergence of the energy norm and of every value was checked.
Discussion
The obtained results are close to experimentally and numerically reported values in the
literature. This investigation is an ingoing one to improve the FE model accuracy and
reliability. After verifying the numerical results (converge in the energy norm and data of
interest) we intend to perform in-vitro validation experiments to investigate it's capability to
predict the mechanical response by using a continuous material model so to be used in clinical
practice.
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Introduction
Knowledge of mechanical properties of biomaterials is crucial in tissue engineering for
artificial tissue development and growth, implants development, and biomaterial failure
prediction. Most testing methodologies load the sample unidirectionally. However, real
loading of biological tissues is mostly multidirectional. Therefore, a Rolling Plowing Explants
Test System (RPETS) was developed in order to mimic such multiaxial loading.
Spatial and temporal distribution of biomechanical variables in multiaxial experiments cannot
be measured directly. Mathematical models of biological materials, nowadays widely based
on finite element methods (FEM), allow us to investigate mechanical responses of complex
biomaterials, i.e. stress field, strain field, fluid pressure distribution, etc.
The objective of this study was to estimate mechanical behavior of idealized 2-D samples
with poroelastic material properties under complex loading in RPETS. Validation of the
plowing model was based on comparison of predicted displacements and vertical forces of the
indenter to experimental measurements during one cycle of the plowing motion.
Prospective plans are to determine a relationship between the modeled mechanical response
of the poroelastic biomaterial land the experimental biochemical response.
Materials and Methods
Bovine nasal septum (BNS) was used as tissue model. It shows highly viscoelastic behavior,
yields well reproducible results in terms of geometry, mechanical properties and cell viability;
and is largely available. A strip of approximately 2×20×60 mm was used. It was glued to the
bottom of a tank only by the extremities of its bottom surface. This type of gluing together
with the settings of the experiment was intended to simulate condylar motion on the TMJ disc.
The tank was filled with physiological solution at constant temperature (37 ºC). Pure plowing
was applied to the cartilage strip (Figure 1) [1]. A steel indenter (∅ 25 mm) was lowered
against the strip and then moved longitudinally with a trapezoidal velocity profile (10 mm/s
peak value). The applied force was kept constant at 25 N, 50 N or 100 N. The sampling
frequency of data acquisition was 1 Hz. Vertical and horizontal (tractional) forces were
measured using a platform load cell and button load cell, respectively. The displacement of
the probe was measured using a linear variable differential transformer (LVDT).
BNS material properties (Table 1) were taken from previous experiments conducted at the
Laboratory of Physiology and Biomechanics of the Masticatory System (University of Zürich,
Switzerland). Static stress-relaxation tests in confined and unconfined compression were
performed. Cartilage tissue was represented as biphasic material [2].
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Figure 1: Schematic representation of the plowing experiment.
Firstly, the sample is compressed via a steel indenter. Next, the
indenter moves along the longitudinal direction of the sample with
prescribed displacement (without rolling). In the end of the sample,
the indenter is unloaded and returns to its initial position.
Table 1. Material properties of cartilage strips. HA-aggregate modulus, E-Young modulus, ν-Poisson’s
ratio, k-permeability.
k [m4/(Ns)]
E [MPa]
HA [MPa]
ν [-]
1.98

2.15

0.22

3.22x10-15

The cartilage strip was modeled in the FEM software Abaqus (FEM, ABAQUS, Inc.,
Providence, RI, USA). Only 2-D sample representation was performed. The indenter was
modeled as analytical rigid body, the cartilage strip as an elastic material with constant
permeability. Friction between steel indenter and cartilage strip was set at 0.03. CPE8PH
elements were used.
Results
Comparing the experimental results and the results from the FE model, we can conclude, that
with increasing force that is applied to the indenter in the vertical direction, the maximal
depth of indentation increases from 0.25 mm for the 25 N to 0,7 mm for 100 N. What the
model predicts poorly is the reaction force of the indenter in the horizontal direction.
Experimental results show increasing force throughout the loading cycle whereas model
predicts decreasing horizontal force. Apart from the mechanical variables, which were
measured during the experiment, other variables were investigated using the presented model,
such as the distribution of stress in the matrix, pore pressure and fluid flow.
Discussion
Although some discrepancies between model and reality exist, the poroelastic model shows
a good ability to describe the behaviour of the sample during the experimental conditions.
The agreement between experimental vs. FE model results can be improved in several ways.
Firstly, the methodology of strain computation during the experiment should be re-evaluated.
Secondly, different material properties of the cartilage sample should be used as well. Next,
the different FE material model should be considered (anisotropic instead of isotropic,
different layers, etc.). Finally, boundary conditions, model attachment, and sampling
frequency should be revised. Especially for the transition phase (loading, unloading) the
sampling frequency should be at least 40 Hz.
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Introduction
An important aspect of the treatment of coronary disease is to improve the existing stent
geometries. For the evaluation of different stent designs, mechanical properties are used.
These can be investigated through the finite element method [1]. To simulate the influences
on a stent also a balloon catheter has to be modeled. It is employed for the placement and
expanding of a stent in an atherosclerotic segment of a coronary artery.
Different aspects of this procedure have already been investigated through finite element
modeling [2, 3 and 4]. In the process of manufacturing the balloon is folded around the
catheter shaft to reduce the diameter of the catheter system. After that a stent can be crimped
on the balloon. The goal of this work is to develop a finite element model of the balloon
catheter that includes a detailed description of the folding process.
Materials and Methods
The investigated object is the Raptor balloon catheter (Cordis, Johnson & Johnson). In the
first step the non-tapered middle part of the balloon is modeled as a cylindrical tube. The
nominal diameter of the balloon is 3.5 mm at a pressure of 6 atm and wall thickness is
0.02 mm. The catheter shaft is represented as a cylindrical rigid body with a diameter of
0.9 mm. Then the compliance table of the balloon is used to obtain a linear pressure-diameter
relationship. Therefore a linear regression with the method of least squares was performed.
The coefficient of determination R2 = 0.987 is calculated to judge the accuracy of this
assumption. After that three pairs [2, 3 and 4] of constants for the linear elastic material model
(table 1) were compared to choose an appropriate set that matches the regression line. The
results are shown in figure 1. Finally, boundary conditions were developed to reproduce the
process of balloon folding.

4,0
regression line
finite element solution
nominal diameter

3,9

diameter, mm

3,8
3,7
3,6
3,5
3,4
3,3
3,2
0
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Figure 1: Regression line and
finite element model of the
balloon catheter
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Table 1: Investigated material constants
De Beule
Gervaso
Young´s modulus, MPa
920
900
Poisson´s ratio
0.4
0.3

Mortier
850
0.4

Results
The developed boundary conditions enable us to reproduce the characteristic behavior of the
process of balloon folding in the finite element model. In figure 2 two different load
increments of the nonlinear finite element solution are shown. To evaluate the correlation
between the model and the balloon catheter a micro-CT image of the folded configuration was
used.

Figure 2: Finite element model of the balloon folding

Discussion
The purpose of this work was to develop a detailed model of the process of balloon folding. A
comparison between a micro-CT image of the Raptor balloon catheter and the developed
finite element model shows good agreement of the folded configurations. To quantify the
accuracy of the developed model first of all data about the whole deformation process of the
balloon catheter are needed. Thermal effects were neglected in the model, because there were
no data on the temperature dependency of the material available. To reduce the number of
elements only the part in the middle of the balloon was modeled.
The developed finite element model of the catheter can be used to simulate the influences of
the folded configuration on different stent geometries. Thus stent designs can be optimized to
reduce the mechanical loads that result from the unfolding of the balloon.
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Introduction
Aortic aneurysms are associated with a dilatation of a highly fatigued vessel and represent one
of the most dangerous cardiovascular pathologies on the event of rupture. With an average
thickness of 1.5 mm found for patients with abdominal aortic aneurysms (AAA) [1], diseased
walls with calcification become thicker while aneurysms without thrombus have much thinner
walls. This work deals with the use of patient-specific medical images combined with Finite
Element Methods (FEM) to create computational 3D vascular models with the aim of
quantifying the effects of wall thicknesses on the computations of the biomechanics.
Materials and Methods
FEM-based vessel wall simulations within a patient-specific MR-based AAA model have
been performed with various wall thicknesses. Static, at peak pressure time, as well as
dynamic, time-dependent, computations were conducted. To quantify the significance of wall
thickness variation on the simulations, five models with 1.0 mm, 1.2 mm, 1.5 mm, 1.8 mm
and 2.0 mm homogeneous thicknesses were simulated. The simulations were conducted using
a hyperelastic material model for the abdominal aneurysmal aortic tissue [2].
The Mimics Innovation Suite (MIS) [3] is used for image data processing and virtual model
generation, while the vessel wall computations are conducted using the FEM program Abaqus.
Results
For all five thicknesses, the maximum stresses are found at the same location and at the peak
systolic time t= 0.30 s. The stress increase between the thicker and the thinner models is equal
80.6%, equivalent to 0.083MPa relative to the time-averaged von Mises stress. Further,
compared to the average thickness 1.5 mm, the maximum stress change is larger when
decreasing the thickness to 1.2 mm i.e. 1.0 mm than when increasing it to 1.8 mm i.e. 2.0 mm.
A 0.3 mm thickness decrease i.e. increase results in +0.0399MPa = +21.829% i.e. -0.062MPa
= -14.031% stress change, respectively. Similarly, a 0.5mm thickness decrease i.e. increase
results in +0.098MPa = +34.484% i.e. -0.062MPa = -21.809%. This demonstrates that the
stress distribution is much more affected by a thinning than by a thickening of the wall.
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Figure 1 illustrates the dynamic stress distributions at the peak systolic time for the smallest
(1.0 mm) and largest (2.0 mm) wall thickness models. The stresses decrease continuously
from the thinner to the thicker model. However, as mentioned above, the decrease is not linear.
Also here, similar strain and stress distributions were found for the static and the dynamic
computations with slightly lower strains and higher stress distribution for the static model.
Figure 2 illustrates the static (left) and dynamic (right) stress distributions at the peak systolic
time for the average 1.5 mm wall thickness model.

Figure 1: Dynamic von Mises stresses at peak systole for 1.0 mm (left) and 2.0 mm (right) wall thicknesses.

Figure 2: Static (left) and dynamic (right) von Mises stresses for the 1.5 mm wall thickness model.

Discussion
The current work presents the significance of imaged-based patient-specific FEM
computations as a tool for an individual modeling of the biomechanics in aortic pathologies.
The presented computations demonstrate that thinner walls are much more sensitive to the
stress distribution and show that an accurate modeling of the wall thickness is a crucial factor
affecting the computation of the vessel biomechanics.
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Multiscale-Modeling of Vertebral Trabecular Bone Permeability
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Introduction
As the carrier of a homogeneous fluid in viscous motion, a uniform porous medium may be
completely described by the specification of its permeability. The term permeability may be
defined physically as the volume of a fluid of unit viscosity passing through, in unit time, a
unit cross-section of the porous medium under the influence of a unit pressure gradient. Fluid
flow in the intertrabecular spaces has been implicated in a number of physiological
phenomena. For example, flow induced shearing stresses play a key role in regulating bone
metabolism. Recently, several studies extensively investigated the dependence of intrinsic
permeability on trabecular bone morphology and anatomical direction either experimentally
[1,2,3] or computationally [4,5]. This study addresses the comparison of four computational
methods that use input data acquired on length scales varying from tissue to organ level.
Materials and Methods
Microscale simulations of a Newtonian fluid flowing through the cavities of 21 cubic
vertebral trabecular bone cores were conducted based on microCT scans obtained from
cadaveric specimens at a resolution of 37µm. Each core had dimensions of 6x6x6 mm3. The
creeping flow regime ( ≪ 1) has been governed by the steady-state Stokes equation
∇ − µ∇ = 0.
(1)
∇ refers to the fluid pressure gradient, to the viscosity and to the fluid velocity vector.
This equation has been numerically solved using the Finite Element method. Permeability
values have also been computed using a pore network modeling algorithm. Aperture and pore
boundary maps provide information for a pore network to approximate the flow channels of
the porous structure. Each link in the pore network is represented by a conical pipe to express
the hydraulic conductivity

 .



The flow rates  =  are found by solving the equation system

 =  ∙  . Permeability values are derived by averaging and inserting the fluid flow


velocities into the rearranged Darcy equation, thus   = ∇ .   represents the intrinsic
permeability and  the flow rate. Furthermore, we pre-computed permeability values using an
analytical model [6] of vertebral trabecular bone. The pre-computed values were analyzed
using a log-linear regression analysis [5], thus permeability can be estimated from mesoscale
morphology data according to
    ! = " + " $ + " %& + "' (). + ,! + "- (). + .! ,
(1)
where $ refers to the porosity, %& to the degree of anisotropy and (). + ,/.! to the
horizontal and vertical spacing of the trabecular bone. On the macroscopic length scale, only
the bone volume ratio can be evidently estimated. Thus, the presented regression model
reduces to     ! = " + " $. Baroud et al. [1] independently provide a similar
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regression model in the form of 
= Γ12 43, where Γ12 represents the fitting coefficient of the

ij-th direction.
Results
The permeability values as a function of structural porosity are shown in Fig. 1. Circle
markers in the plot refer to experimental data from literature. Crossed markers represent
results computationally determined either using the mesoscale model, the pore network model
or the Stokes flow code. The lines show the responses over the investigated porosity range
(macroscale models). The colored area expresses (un)certainty, i.e. probabilistic density,
induced by partially ignoring morphological information (thickness, trabecular and joint
shape). At small porosity values, and thus compact porous structure, thickness and trabecular
shape are of minor relevance and consequently certainty is high. For very porous bone,
permeability is not only a function of porosity and certainty is low.

Figure 1:Various
experimental and
computed permeability
values of vertebral
trabecular bone

Discussion
We have presented different methods to estimate the permeability of trabecular bone that are
based on microCT datasets acquired on different length scale levels and consequently provide
generally consistent results, however with varying prediction accuracy. Effort is ongoing by
collecting and evaluating additional vertebral trabecular bone samples. Based on that data, a
more conclusive statement regarding the accuracy of each individual method can be given.
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BENIGN DESIGN OF RESIN BONDED FIXED PARTIAL DENTURES
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Introduction
Replacing missing teeth by FPDs is a complex rehabilitation procedure, which needs to
consider the abutment tooth vitality and structural integrity. FPD designs that preserve tooth
structure vitality and retain restoration durability under different occlusal loads are considered
to have a benign design. Using the advantage of bonding techniques and non-metal high
strength material provide a good opportunity to design the FPD restoration with less thickness
and extension [1-3].The aim of this study is to evaluate the fracture strength and stress
distribution of four conservative FPD designs compared to the traditional design.
Materials and Methods
Typodont teeth were used to prepare five 3-unit FPD designs. These designs were a traditional
full coverage crown design and four different conservative FPD retainers (II- partial coverage
crowns A, III- partial coverage B, IV- Inlay A, and V- inlay B) as shown in Figure 1. One
hundred 3-unit FPDs were fabricated with Cerec CAD/CAM, 50 made of IPS e.max CAD
block (lithium-disilicate glass ceramic) and 50 test Peek Optima blocks (Poly ether ether
ketone) ten for each design. The elasticity moduli of these two materials are 95 GPa and 20
GPa respectively. These FPDs were luted to a substructure made of AlphaDie MF
(Polyurethane) with resin bonded Multilink Automix cement. The cemented FPDs were
loaded until failure. The fracture resistances of all specimens were recorded. All these FPD
designs were simulated with 2D FE models for stress analysis. 100N load applied on the
centre of occlusal surface of the pontic Figure 2. Basic statistic and ANOVA two way test was
applied to compare the fracture forces and the highest stress concentration for different
designs.

Figure 1: FPD designs

Figure 2: 2D FE model with load application

Results

Two modes of fracture were revealed first within the FPD at the connector area and the
second type at the abutment teeth, which predominantly occurred with Peek Optima FPDs,
especially with design five. The mean (SD) of the fracture forces for IPS e.max CAD were
794± 214, 874±150, 815 ±166, 843±241, 924±202 N and for Peek Optima were 1378±210,
1366±322, 1178±316, 1222±236, 834±105 N for design I, II, III, IV, and V respectively
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(Figure 3). The fracture forces with Peek Optima FPDs were significantly higher compared
with IPS e.max CAD. For the FE stress analysis the maximum principle stress of IPS e.max
was 113, 93, 96, 110, 115 MPa and for Peek Optima was 151, 129, 139, 142, 148 for designs
I, II, III, IV, and V respectively. All designs showed the highest stress concentrated at the
gingival surface of both connectors and at the point of load application. There is no influence
of design on the stress concentration in the connector area. The Peek Optima FPDs showed a
significantly higher stress concentration level compared with IPS e.max CAD (Figure 4).

Figure 3: Mode of fracture and distributed sites

Figure 4: Maximum principle stress and von Mises stress according to the design and materials

Discussion
The results revealed that both the practical test and the FE stress analysis showed that the
weakest part of FPDs in all design is the connector area, which is in agreement with other
studies [4-5] . The high percentage of abutment fractures occurred with Peek, which may be
due to the low strength of the supporting materials AlphDie MF or due to the large
deformation of the Peek itself. There is a significant influence of the choice of FPD material
on the fracture forces and failure mode. The fracture of the e.max is suspected to start from
the loading point toward the connecter due to Hertzian contact stresses[6] and vice versa with
the Peek. There is no influence of the FPD designs on the fracture forces and failure mode of
FPD made from the same material. The more conservative designs did not result in a
reduction of the structural integrity of the FPDs.
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Boundary Conditions after Finite Element Model Reduction
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Introduction
Computational time in Finite Element (FE) simulations drastically increases with increasing
number of nodes. A plausible strategy for reducing the number of nodes in FE modeling is to
omit irrelevant parts of the model. In this case, model-specific boundary conditions have to be
defined such that they do not influence the simulation results. This study examines these
aspects based on orthodontic treatment devices.
Materials & Methods
A FE skull model consisting of 2,403,023 tetrahedral elements and 514,224 nodes was
generated [1], [2]. Nodes were only chosen on the tetrahedral vertices to reduce model size.
Varied directional forces were applied to both the complete FE model and to models with
reduced geometry. The results of the reduced models were compared to those of the complete
model. Bearings were used to represent the effect of the deleted volume. The directional
reaction of the bearings was altered until no additional external reaction was registered by the
bearings.

Figure 1: Shows some few possibilities of model reduction with a specific force system.

Model reduction was achieved by deleting elements of specific regions, bearing in mind that
simulation results are not to be falsified.
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Results
It was noticed that for a reduced model, various force systems resulted in different directional
positioning of the bearings. Finite element models cannot be arbitrary simplified. For
instance, model symmetry has to be considered, the original force system should not be
altered.

Figure 2: Simulation results of the reduced models and a specific force system, by replacing the cut surface by
displacement restrictions

Discussion
The presented method for model reduction could be considered in case of large FE models
with a high number of nodes. This strategy does not reduce model complexity, but rather may
help improve geometrical details. Thus, it may maintain the accuracy of simulation results if
the cut off regions are symmetrical to the remaining in terms of geometry and acting forces,
and if remaining surfaces are compensated with the right bearings, then this method could
help to drastically reduce computational demands.
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Detection on Implant Screw Axis Direction by Photoelastic Method
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Introduction
It had never been controversial issue that implant tooth accidents would occur in missalignment from the most probable biting resultant force. The natural tooth roots have own
direction to be decided by the most effective biting forces on the jaws, so as to be not vertical
to the occlusal plane. The direction seems to avoid the stress concentration at tooth root. Even
at implant tooth the resultant force direction have to be in safe from tooth injuries. So as the
screw hole direction have to be same as the natural tooth root direction. To obey this natural
rule in implantation introduces to lowest stress concentration state or most probable biting
force. Also the implantation accidents have to be revealed in how the drilling hole axis is
discrepant from the biting resultant force alignment.
This work is the initial study begun by using a photoelastic stress freezing method to seek a
clinical method of quick biting resultant force detection before the placement of dental
implant. Photoelastic method using here is not tooth and root bone stress analysis as like as
other issues[1], [2]. The future methodologically developing of this study aims to find most
suitable hole direction that would reduce the accidental injury of dental implant.
Materials and Methods
Table 1 shows a stress freezing material for photoelastic investigation, also the freezing
temperature of uniform warming by using cooking microwave oven. The loading procedure is
shown in Fig.1. Stress freezing materials were warmed and soon after loaded inserting in
occlusal clearance of upper and lower jaw models. The loading causes indentation on the
plate also the remaining birefringence. The plate were observed in circular polar ray field,
diagonally through the plate surface and cross sectional area of molar part cutting-off
rectangular piece.
Loading, dead weight

Table 1: Birefringence material for stress freezing
Stress freezing material
70x70x3mm, plate
occlusal plane
50˚C
Fringe Freezing temp.
heated in micro wave oven
Loading indentation
upper & lower Jaw model
Dental item
Mouth guard or Gum
Dimension
Insertion

Maker

YAMAHACHI DENTAL MFG.,Co.

Chemical property

EVA: Ethylene-Vinyl Acetate

Aichi, Japan

Figure 1: Stress freezing plate in occlusal
biting by upper and lower jaw models
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Coincident point

Funicular of application

aa

a
a

a

B Tongue side

Cheek side
a-a: rectangular cutting-off segment

Figure 2 Fringe frozen pattern indented by
biting on the plate of mouth guard material
with the manner of upper teeth closing to
lower teeth.

A

R
Biting force
Resultant

cross-section area of rectangular segment a-a

Figure 3 Fringe at biting clearance on the cross
sectional area between the second upper and
lower molar shown as a-a rectangular particle

Results
Fig.2 shows the frozen fringe pattern appeared on the stress freezing plate
inserted in occlusal plane. The left second molar a-a cutting off rectangular
R
piece's cross sectional area is observed also by frozen fringe as Fig. 3. Each
force vector A and B pass through the annual-ring-like fringe center occurring
B
respectively on the buccal side from upper molar little under summit through to
lower most summit, and on lingual side from upper most summit to lower little
under summit. The vector magnitude were estimated by fringe rings' number.
Figure 4:
The force equilibrium is shown in Fig. 4 indicating a force polygon finding a
Force
resultant force: R, so as the same magnitude and direction as in the space
equilibulium
shown in Fig.3. The force R seems to be a natural biting resultant force.
Discussion
This work is a static biting force detection by using jaw models. It have to be developed to
search for in-vivo continuous biting force detection under moving jaw changing its clearance
with step by step freezing method or other instantaneous fringe view method. A quick force
analysis wished to be invented as a best suitable position and direction test as like as a kind of
clinical implant tests. Final aim to reduce the screw hole miss-alignment from the natural
biting resultant force direction would diminish the accidental injury of dental implants.
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Introduction
For accurate control of orthodontic tooth movement, it is important to know the location of
the centre of resistance (CRE) of each individual tooth. This study evaluates three computer
methods, i.e. a 2D image processing method and 2D and 3D finite element analyses (FEA) to
determine the CRE of single-rooted teeth. The aim is to derive the most suitable method for
clinical routine.

Materials and Methods
Radiological data from the clinical routine for evaluation with computer methods were used.
From the 3D data sets which were either computed tomography (CT) or cone beam computed
tomography (CBCT), virtual panoramic radiographs were created. For the 2D-image
processing method, the relevant areas of crown and root in the virtual panoramic radiographs
were segmented. The first approach for determining the location of the CRE was to calculate
the centroid of the corresponding root area[1]. Second, 2D FE models were generated from the
segmented areas. The third method included construction of 3D FE models from 3D data [2].
The periodontal ligament was assumed as an isotropic, linear elastic layer. In the two FEmodel approaches, the CRE was determined by applying a constant torque through a pair of
coupled forces. The CRE corresponded to the centre of rotation (CRO) in the 2D model and
to the intersection of the axis of rotation with the plane of the force application in the 3D
model. We normalized the vertical position of the CRE relative to the root length referring to
the alveolar crest.
To ensure the correct registration of the 3D data and the 2D data of the projected virtual
panoramic radiograph a custom Tcl script[3] for the Visualisation Software AVIZO[4] was
coded. Based on 4 landmarks (Fig. 1) a facial crown coordinate system was defined. This
script also takes into account the crown positions and orientations defined previously by
Andrews[5]. These correction angles are individually for every tooth and are defining the
orientation of the orthodontic brackets for the selected orthodontic force system.
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Figure 1: 2D model and 3D FE model
correct registered in the same coordinate
system. Origin is in the centre of crown.

Figure 2: Resultant of the calculated displacements in the 3D FE
model. Shown on the left in the mesio-distal and on the right in the
bucco-lingual plane. Dark blue areas have minimum displacement.

Results
Compared to the 3D FE-model (Fig. 2) which served as a reference, the 2D imaging method
showed relative small deviations of the vertical position of the CRE. In comparison, the 2D
FEA showed larger deviations. The generation and evaluation of the 3D FE models was the
most time consuming procedure, followed by the 2D-FEA and the 2D-imaging method.

Discussion
The 3D FEA was very time consuming but most accurate. The significantly faster 2D imaging
method delivered comparable results for the CRE in a much shorter time. The 2D FEA is the
least accurate method compared with the 3D FEA, i.e the reference method. A follow-up
study including a higher number of cases is needed to confirm these pilot results.
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Introduction
In the case of heavy fractures or natural deformations of the oral and maxillofacial bone
structure it is often difficult to accurately predict the shape of the patients face after the
medical treatment. Thus it would be of advantage if one could delegate the determination of
an implant's shape from a given desired shape of the skin to a computer-assisted tool. This
would allow to give reliable assistance regarding the training, preparation and verification of
implant insertions. Currently such a tool is not available and the best to be expected is a
simulation software that computes the shape of the skin given an estimated implant shape and
position. Thus, in order to close the gap between medical requirements and the available
technical support, it is necessary to develop appropriate mathematical models and numerical
schemes for the calculation of the implant's shape.

Figure 1: The considered example
geometry with implants (red)

Materials and Methods
In order to avoid numerical problems arising in the discretization of the contact surface
between the facial soft tissue and the implant it's shape will be incorporated indirectly by the
force exerted on the surrounding soft tissue. The domain occupied by the considered soft
tissue will be denoted by and its boundary by
, where
is the visible
part of the boundary (the skin) and
the contact surface with the implant. This leads to an
optimal control problem with constraints from elasticity theory:

where

is the deformation of the soft tissue,

is the surface force exerted by the implant.

is the desired deformation on the skin and
is called Tichonoff parameter and

is the

(hyper-)elastic energy functional describing the stress-strain relationship of the facial soft
tissue. If is associated with Hooke's linear material law the necessary and sufficient
optimality conditions can be derived using the formal Lagrange principle as in [6]. Applying
control reduction leads to a coupled system of elliptic PDEs as optimality system. This system
has been discretized using the finite element library Kaskade7 [8] and the resulting system has
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been solved performing one Newton-step. The Tichonoff parameter has been chosen with the
help of the L-curve criterion [3]. Furthermore the dependance of the quality of the solution on
this parameter and the material constants has been analyzed.
Results

Figure 2: reference implant

Figure 3: calculated implant

Figures 3 shows the computed implant for the example problem on a coarse grid. While the
position of the implant has been precisely determined the calculated implant's shape is not as
smooth as the reference shape. For the Tichonoff parameter the relation
,
could be observed, where is Young's modulus. This choices
imply very large condition numbers of the systems of equations arising from the FEdiscretization and may lead to ill-conditioned problems.
Discussion
The deformations occuring in implant shape design are in general not small enough to admit
the use of linearized elasticity theory. Therefore it is necessary to consider the geometric
nonlinearity [7] and nonlinear material laws (i.e. Ogden-type [4],[5] or Fung-elastic [2]
material laws) in order to get models of practical relevance. For these material laws the
mathematical theory gets more involved and requires the derivation of hypotheses
guaranteeing sufficient regularity of the solution operator of the elastic constraint [1].
Another point that should be considered in the future is an extension of the cost functional
. As seen in Figures 2&3 smoothing properties should be incorporated in order to
avoid the observed buckling. Moreover the relationship between optical properties of the skin
and the implant's shape has to be analyzed.
Finally efficient and accurate numerical schemes require the development of adequate errorestimators, adaptivity strategies and iterative solvers with suitable preconditioners.
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Introduction
The mechanical stimuli play an important role in the complex process that regulates the bone
tissue growth and its integration around prosthesis. Finite Elements Models (FEM) can be
important tools to investigate the mechanical behavior and evolution of the bone structure, but
the bio-diversity between different specimens and conditions make it difficult to generate
statistically representative numerical models. The present work aims at developing a semiautomatic procedure to generate specimen-specific FEM of a series of rat bone specimens
with osseo-integrated titanium implants, with the goal of regrouping each sample-based result
in a more complete statistical analysis accounting for biovariability.
Materials and Methods
The development of the procedure is part of a mixed experimental-numerical research project
that aims at establishing a link between the in-vivo mechanical stimulation of the rat tibia and
the bone regeneration around prosthesis. The experiment consists in implanting two titanium
implants in the tibia of Sprague-Dawley rats and activating them with known force after two
weeks of integration in order to stimulate bone growth [1]. After the sacrifice, the samples
composed of the rat tibia and the osseo-integrated implants are processed by Micro Computer
Tomography (µCT) with a resolution of 20 µm (Fig. 1a).

(a)
(b)
Figure 1: (a) a µ CT image of the sample; (b) a 3D segmentation with differentiation of materials.

A semi-automatic segmentation procedure, implemented in a custom version of the software
ITK-Snap, allows to reconstruct the 3D geometry and the Bone Mineral Density (BMD) of
each specimen from the µCT images. A statistical analysis of the grayscale histogram of each
specimen permits to define the optimal thresholds for the implants and the bone tissues, with
differentiation between the cortical and trabecular bones. These specimen-specific thresholds
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are used as input for the segmentation in order to obtain the 3D geometry of the sample (Fig.
1b). Even though the biodiversity prevents the use of the same thresholds for all specimens,
this statistical procedure guides the user and ensures the reproducibility of the end results.
The FEM mesh is generated with a custom tool based on an advanced iso-surface meshing
algorithm [2], an octree domain decomposition method and a quality Delaunay
tetrahedralization algorithm [3]. To take into consideration the heterogeneity of the bone
tissue, each element of the model is assigned an homogenized set of material properties using
a voxel-based adaptive integration rule. Based on a gray scale calibration phantom, the voxel
values are converted into BMD and consequently in Young Modulus through the empirical
relation presented in [4]. The FEM is finally exported and computations are carried out with
Simulia Abaqus 6.10.

Figure 2: (a) strain energy density field on a section passing through the proximal implant axis; (b)
cortical and trabecular volume histograms associated to strain energy density (b).

Results
Using the developed methodology, an accurate and reproducible specimen-specific FE model
can be constructed and analyzed from a µCT scan in just a few hours of work, most of which
is spent correcting the segmentation for local artifacts. As an example, Fig. 2a shows the
Strain Energy density distribution (SENER) around the proximal implant. The differentiation
of the material properties clearly indicates the different reaction of the bone structure to the
external load. Figure 2b represents the volume histograms of strain energy density of four
specimens with differentiation of cortical and trabecular bone.
Discussion
Works involving experimental research on living tissues have to deal with the difficulties of
generating models that can be representative of biovariability. The present methodology can
be an important tool to extend the use of FEM analysis to large series of samples, thus
accounting for biodiversity. The experimental validation of the obtained numerical models is
an important task that is currently being undertaken based on three point bending tests and
inter-implant stiffness measurements.
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Introduction
A new constitutive model for the electromechanical behaviour related to the excitation of
skeletal muscles is proposed. As essential foundation for the description of the mechanical
behaviour a recently published hyperelastic muscle model with transversal isotropic
characteristics is used [1]. The modelling idea is a non-additive decomposition of the free
energy function into an active and passive part, see [2]. An electric current expressed by
Ohm´s law has been coupled weakly and non-monolithic with the mechanical part. The
proposed model is apply on complex muscle geometry and documents the ability of the
proposed modelling approach.
Materials and Methods
The electromechanical state S of a material point´s placement X at the time t is described as
SX , t    X , t , ( X , t ) . The first variable  X , t  describes the placement and the second
one the electric potential  X , t  . The spatio-temporal evolution of these variables is governed
by two field equations. First, the balance of linear momentum and second a diffusion-type
equation of excitation which describes the spatio-temporal evolution of the action potential
field inside the muscle tissue. The mechanical muscle response is given by a hyperelastic
constituent law including an activation parameter wa. The active, nominal stress of the whole
muscle at micro level is obtained as





n FT n IMP

 

P act t ,  fib     i F ti f t ij t  f   fib .

(1)

i 1 i  j

i

Herein, F t denotes the largest possible applied force inside a single muscle fibre, named

isometric force. The fibre density is expressed by  i . An activation function f t ij t  for the

 

description of the activation level, and a function f   fib which characterised the fibre
stretch, are contained. Furthermore, nFT denotes the number of different fibre types and nIMP
specify the number of impulses. To express the active stress at macro level, an explicit closed
form for wa has been derived by means of the Lambert W function, see [2], which gives the
possibility to transfer information from micro to macro level and vice versa.
Coupling process
This work describes electromechanical muscle contractions by two field equations which are
solved separately. The required state variables are transferred between the two fields for each
integration point and each time increment. If the muscle tissue is activated by a stimulus at
current time, tn, a local electric current depolarises a small region of the muscle. By a high
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number of arriving stimuli the electric potential exceeds a certain threshold    act and
induces a trigger of a time-dependent electric flux with a typical wave-like shape of an action
potential spreading over the muscle membrane. The local muscle tissue is transferred in its
active state wa > 0. This generates an active stress Pact and the total stress can be expressed by
the first Piola-Kirchhoff stress tensor S. With a new time step tn+1 the algorithm can restart if
the refractory time tref is passed by. If the threshold is not exceeded the muscle membrane will
remain in the passive state and no muscle contraction is generated. The passive stress can also
be expressed by the first Piola-Kirchhoff stress tensor, with consideration that wa = 0, see [3].
Results
The model has been used on complex geometry of a MRI-based reconstructed human biceps
brachii muscle, see [4], with three different fibre types. In Figure 1 the deformed shapes of the
muscle at five discrete time steps during tetanic muscle activation and the distribution of the
electric potential  are plotted. The biceps brachii muscle is innervated in the middle region of
its structure, see A. In B and C it is well seen that the potential spreads in the fibres preferred
longitudinal direction to the origin and the insertion, where the model is characterised with
passive tendon tissue behaviour. At discrete time step D a further action potential starts. E
shows that the muscle model returns in its resting state without stimuli.

Figure 1: Results of a tetanic simulation of muscle activation. Plotted are the deformed shapes of the
muscle at discrete time steps A, B, C, D and E and the distribution of the action potential



in mV.

Discussion
This approach is motivated by the need of a better appreciation of electromechanical muscle
behaviour and a more precise answer of contraction processes. We aim to study how the
electric excitation affects the mechanical behaviour at muscle tissue level. It figures out that
the developed concept reflects realistic contraction behaviour induced by external electric
activation in a satisfying manner and shows in addition a high capability and flexibility.
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