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Abstract The most common and severe type of fracture among the elderly is known as a
proximal femur fracture. Aging-related bone loss is one of the major contributing factors
to increased likelihood of bone fracture. Specific exercises can be used to strain bones and
increase bone strength to counter the effects of bone loss. The flexible multibody simula-
tion approach can be used as a non-invasive method for estimating bone strains caused by
physical activity. This method was recently used to analyze the strain of locomotion in re-
gard to human femur and tibia leg bones. The current study focuses on strain analysis of
the femoral neck. The research test person was a clinically healthy 65-year old Caucasian
male. The computed tomography was used to build a geometrically accurate finite element
model of the femur with inhomogeneous material properties derived from the voxel data.
The anthropometric data was used to model the musculoskeletal system of the test person.
The multibody skeletal model was utilized to estimate loading on the femoral neck during
walking, which represents a routine daily activity. The flexible multibody simulation results
were compared to strains that occurred during a simulated fall onto the greater trochanter
of the femur. The fall simulation was made entirely using finite element software. Results
from the finite element analysis were compared with the previous study showing that the
test person does not belong to the high-risk hip fracture group. Finally, the estimated strains
gathered from the walking simulation were compared to the strain values from the simulated
fall-down scenario.
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1 Introduction

Osteoporosis is a serious health problem, manifesting itself as bone fragility. According to
European statistics [1] it affects around 33 % of postmenopausal women and around 20 %
of elderly men. It is an inconspicuous disease since it does not usually show any symptoms;
typically being detected for the first time when a fracture occurs. Statistics show that the
first fracture doubles the risk of a second fracture—occurring within a year. Fractures are
not only painful and reduce the quality of life, but severe hip fractures can also lead to death.
Modern sedentary lifestyles contribute to this problem considerably, leading to a much more
severe situation for the affected group within the years to come. Osteoporotic hip fractures
occur seldom in France, with statistics indicating 8 hip fracture cases among 10,000 people
annually. On the other extreme, in Sweden, the amount of osteoporotic hip fractures reaches
as high as 20 cases per 10,000 citizens within a year. In the USA, the fracture rate is gener-
ally higher and for instance in 2009, the amount of hip fractures per 10,000 cases was 27 and
16 for females and males, respectively [2]. One of the known osteoporosis prevention meth-
ods is physical activity. However, more knowledge is needed to determine which types of
exercises are the most effective stimulants for bone growth. The base knowledge concerning
bone remodeling processes has already been established. It has been shown that inducing
high strains in bones can stimulate their growth [3]. On the other hand, high joint loads can
lead to osteoarthritis [4]. This leads to the conclusion that establishing an optimum load-
ing scenario could boost bone growth without causing any harm to the joints. Bone strains
can be monitored in vitro or in vivo. Bone strains were measured in vitro by a number of
researches [5—7]. Unfortunately, cadaver bone studies are limited to the loading conditions
that can be replicated in the laboratory. Moreover, usually only a single bone can be tested at
a time, since testing the whole complex skeletal system is not feasible in most cases. In ad-
dition, accurate muscle forces cannot be applied to cadavers without complex arrangements.
In vivo studies can be used to circumvent some of the limitations of the in vitro studies. In
vivo studies, see for example [8—11], can be considered more accurate, as the measurements
are taken from a living human. However, they raise some ethical concerns due to the invasive
methods needed for bone strain measurements. Furthermore, they are limited to superficial
bone sites as only those are readily accessible.

The ongoing development of computers and numerical methods has made it possible
to model the whole human musculoskeletal system. In early studies, simple finite element
models were used to study individual bones [12, 13] and soft tissues. The kinematics and
dynamics of the human skeletal system were studied separately by utilizing rigid multibody
models [14, 15] with different types of actuators acting as muscles and joints. Nowadays,
the computational speed of modern desktop computers allows for the combination of these
two approaches in order to achieve a flexible multibody system. Flexible multibody dynam-
ics allows for estimation of joint loads, as well as bone induced strains at any location, thus
expanding the possibilities of experimental studies. With the knowledge gathered in exper-
imental studies, new numerical models can be validated and produce reliable results. For
example, Al Nazer et al. [16] showed that a shell finite element model of the tibia imple-
mented in multibody simulation can provide sound tibia strain data occurring during human
locomotion. In the study, the multibody model results were compared to experimental stud-
ies and corresponded well. Also, the computational efficiency of the model showed to be
good. Later, a more sophisticated model based on magnetic resonance was presented in
[17]. Recently, Klodowski et al. [18] studied the performance of a full body musculoskeletal
system with multiple flexible bone models, showing that the system can be simulated on a
desktop computer within several minutes, simultaneously providing strains for four different
bones.
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In the current paper, the authors combine the knowledge of flexible bone modeling from
the finite element method and flexible multibody dynamics. The objective of the current
study is to evaluate the strains in the femoral neck using a subject-specific finite element
model and flexible multibody model. The finite element model of the femur is analyzed
using commercial finite element software to determine the largest load it can endure in the
event of a fall concentrated to one side, according to the procedure described in [19]. The
test person’s bone can be classified to healthy or osteoporotic groups by comparing the
maximum load obtained in the current research to the maximum load results from [19] for
healthy and osteoporotic subjects. The flexible multibody model is used to calculate strains
within the femoral neck during locomotion. Verification of the flexible multibody model is
accomplished with a comparison of simulated ground reaction forces to the forces measured
during experimentation. In addition, tensile strains in the proximal lateral aspect of the femur
are compared to the in vivo measurements described in [20].

2 Modeling methods

The finite element method and flexible multibody dynamics analysis are used in this study.
The static case, which describes the fall-down scenario, is computed using linear finite ele-
ment formulation and can be expressed as:

F=Ku 1)

where F is the force vector, K a global stiffness matrix of the finite element model, which
is symmetric, and u is the nodal degrees of freedom vector. Nodal degrees of freedom can
be divided into the boundary, u g, and the internal degrees of freedom, u;. Using the same
method, the force vector can be partitioned into support reaction forces, Fg, and externally
applied forces, Fg. Correspondingly, (1) can be partitioned as follows:

{FR}[KRB KRI]{MB} ?)
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where indices R and E correspond to the rows of the global stiffness matrix associated
with reaction forces and externally applied forces. Reaction forces can also be considered
as forces resulting from nodal degrees of freedom constrained to zero displacement. Indices
B and I denote the columns of the global stiffness matrix that are respectively associated

with boundary and internal degrees of freedom. The solution of the system of (2) can be
performed in two steps, first solving for the internal degrees of freedom:

uy =Ky (Fg — Kgpug). 3)
Finally, solving for reaction forces using the upper part of (2):
Fr=[Kgs KRI]{LI:I;}~ €]

The global stiffness matrix can be formulated out of the element stiffness matrices by
adding terms that correspond to common degrees of freedom of multiple elements. Linear
four-node tetrahedral elements were used in all finite element analyses [21]. The flexible
multibody dynamics approach was used to estimate femoral neck strains present during
walking. Flexible multibody dynamics is governed by the equation of motion, which can be
expressed in the form

Mi+Kug+Cih=0.+ 0, o)
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where M is the mass matrix, K, the multibody stiffness matrix, g the vector of generalized
coordinates, C, the constraint Jacobian matrix, A the vector of Lagrange multipliers, and
generalized reaction forces are represented by the product C Z)L. Vector Q, describes the
generalized forces, and Q, is the quadratic velocity vector. The coupling between different
bodies is described with algebraic constraint equations:

C(q)=0. (6)

Flexible multibody formulation is governed by the set of differential algebraic equations (5)
and (6), which are generally time-consuming to solve. In order to avoid supersizing the
problem by adding a full finite element representation of flexible bodies, a modal reduction
technique is often used as proposed by Agrawal and Shabana [22]. The approach utilized
in this study is called component mode synthesis. In this approach, flexible bodies are first
represented as finite element models. The finite element representation allows performing
constrained modal analysis based on at least two boundary nodes. Deformation modes com-
puted from modal analysis are combined with static correction modes to enrich the database
of possible flexible body deformations. This procedure is followed by orthonormalization.
Modal matrix, ®, and modal coordinates, p, are introduced to the multibody formulation
instead of the coordinates representing deformation in the body reference system, u s, as
shown in (7):

up==®p. @)
Finally, strains can be computed using the strain—deformation relationship [23]:
Ef = Du f (8)

where g5 = [e11 e €33 €12 €13 €23]T is the elastic strain tensor, and D is a differential
operator defined in (9):

3
85‘/=%<ﬁf iUy j,i+Zﬁf killf k,j)- )
k=1
There are several other methods for describing flexible bodies in the multibody formula-
tion [23]; for a comprehensive literature review, see Wasfy and Noor [24].

Estimations for the strains at femoral neck and greater trochanter were performed during
walking. In case of the fall-down scenario, strains at the femoral neck were computed as
well as the force that is expected to initiate a fracture. The conducted measurements and
modeling process are depicted in Fig. 1.

3 The test person and experimental measurements

A clinically healthy 65-year old Caucasian male volunteered for the study. The test person
weighs 65 kg and is 168 cm tall. Before measurements, the test person gave written informed
consent to the procedures. All experiments were conducted in accordance to the Declaration
of Helsinki and with allowance from the local ethical committee of Pirkanmaa hospital
district.

In order to reconstruct the geometry and material properties from the test person’s femur,
a computed tomography was required. The LightSpeed RT16 scanner from GE Medical
System was used for tomography. The slice thickness was set to 0.625 mm, pixel size was
0.3906 x 0.3906 mm and slice spacing was 0.31 mm. The scan was performed in heli-
cal mode to reduce radiation exposure time. Prior to scanning, the scanner was calibrated

@ Springer



Pilot study on proximal femur strains during locomotion and fall-down 243
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Fig. 1 The research process flow chart

using standard water phantom. Three phantoms made of dipotassium hydrogen phosphate
(K,HPO,) solutions with concentrations of 100, 200 and 300 mg/cm? were scanned together
with the subject for calibration purposes.

Gait measurements were conducted at the University of Jyvéskyld. Two 10-m long force
platforms (Raute Inc., Finland) were used to measure the ground reaction forces for both
legs independently. The motion was recorded using four high speed cameras (COHU High
Performance CCD Camera, San Diego, CA, USA), one placed in front, one behind and two
on the side of the test person. Photocell gates were used to initiate and stop measurements
synchronously. The subject was dressed in a tightly fitting black matt outfit with 39 passive
markers used to track the body segments. The size of the cameras’ common field of view re-
stricted the experiment to one full walking cycle. Minimizing the field of view, on the other
hand, allows for increasing the precision of the markers’ positions acquisition. During the
experiment, the test person was instructed to walk barefoot with his usual speed along the
force platforms. Four videos recorded during the experiment were digitized using Peak Mo-
tus software (ver. 8.1.0, Peak Performance Technologies Inc., USA) to obtain the individual
markers’ trajectories.

4 Finite element model of femur

A finite element model of the femur was created with the geometry obtained from the com-
puted tomography. Finite element analysis was performed using Ansys (ver. 11, Ansys Inc.,
Canonsburg, Pennsylvania, USA) software. Linear solid tetrahedral elements [21] were used
to discretize the bone. Element size varied from 0.5 to 5 mm, where the smaller elements
were used to model cortex at the distal ends of the bone and the larger elements were used
to model trabecular bone, as well as cortical bone along the shaft. The model consisted of
331,605 elements based on 1591 sets of material properties. Bone structures were distin-
guished based on apparent density. Elements covering the volume where the apparent den-
sity is above 1400 kg/m?® were considered cortical bone, the elements with apparent density
below the threshold were modeled as trabecular bone. Subcortical bone was not consid-
ered as a separate structure due to the lack of mathematical dependencies linking material
properties and the apparent density or Hounsfield unit scale, which was first introduced by
Sir Godfrey Hounsfield in his groundbreaking research on computed tomography [25]. The
finite element model is presented in Fig. 2.
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Cortex mesh size: 2-3mm . Cortex mesh size: 2-3mm
Trabecular mesh size: Smm Mesh size: Smm Trabecular mesh size: Smm

. Cortex mesh size: 0.5-1mm
Element coordinate system (zone 1)
Element coordinate system (zone 2)
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Fig. 2 Finite element model of left femur with indicated mesh sizes and element coordinate systems used to
define material properties

Table 1 Material parameters for

Young’s modulus equation Axis
x y z
mp 0.06 051 0.06
mpy 1.55 1.37 1.51
mp3 0.0199 0.0225 0.0385
mpy 18.1 15.5 56.5

Orthotropic material properties were estimated using the relationships between apparent
density and other material properties. The apparent density was calculated from the CT voxel
values using a linear fit obtained from the densities of the samples scanned together with the
test person. Young’s moduli along x-, y- and z-axes were computed according to (10):

mpyp"P? p<T
Eaxis(p) = (10)
mp3p —mps  p=T

where mp,, mp,, mps and mp, are parameters, T is the threshold differentiating cortical
and trabecular bone and p represents the apparent density expressed in [kg/m?]. For the
trabecular bone the Young’s modulus relationship to density (10) was adopted from Rho
et al. [26] and cortical bone material was described utilizing information from Ref. [27].
Threshold T was equal to 1400 kg/m>. The material parameters used for Young’s moduli
are given in Table 1.

Kirchoff’s moduli in xz-, yz- and zy-planes were assumed to change linearly according
to (11):

smin(E,)) p<T
Gpane(p) = { ** Y (11)
mpep —mp7 p=T

where mps, mps and mp; are material parameters, and E, represents the vector of all the
Young’s moduli in the y-direction for cortical bone. Different fits were used for trabecular
and cortical bone [27]. For the trabecular bone, one value was used and corresponds to
the lowest elastic modulus in the y-direction within the cortical bone model. The material
parameters used for Kirchoff’s moduli are given in Table 2.

Poisson’s ratios were assumed to be 0.3 for all directions [28].
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Table 2 Material parameters for

Kirhoff’s modulus equation Plane
Xz yz xy
mps 3.81 4.12 463
mpe 0.0054 0.0097 0.0019
mpy 57553 ~12.8309 2.6173

Fig. 3 Boundary conditions of
the fall-down scenario finite
element model
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4.1 Fall-down scenario

A fall onto the greater trochanter is one of the most dangerous scenarios for an osteoporotic
femur. Fracture can occur either at the femur [29], most likely in the neck region, or the
entire pelvis [2] can be fractured depending on the disease progress in the bones. In order
to estimate the maximum impact load that the test person’s femoral neck can sustain, a
finite element calculation was performed. The test method and bone failure criteria were
adopted from [19]. According to the publication, a force causing displacement of 4 % of
the initial distance between tip of the femoral head and greater trochanter corresponds to
the maximum impact load that the bone can handle. External nodes of the greater trochanter
were fixed to provide support. Opposite external nodes on the femoral head were assigned
a displacement of 3.3 mm, which corresponds to 4 % of the mentioned distance. Figure 3
illustrates regions where the boundary conditions were applied to the nodes. The model was
solved for unknown reaction forces as described in Sect. 2.
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4.2 Walking: modal analysis

Component mode synthesis uses constrained modal analysis results for flexibility descrip-
tion. In order to perform constrained modal analysis, boundary nodes have to be defined.
The boundary nodes should correspond to the fixation points, meaning the nodes at which
joints in the multibody formulation are defined. For this reason, two nodes were created
at the locations corresponding to the center of the femoral head and the rotation axis of
the knee joint. Boundary nodes were connected to the femur’s lower extremity and neck
surfaces via rigid massless beam elements. These connections enable application of joint
loads to the bone during simulation. The boundary nodes were later used for kinematical
connection of the femur to the pelvis and tibia, respectively. For the purpose of describing
the flexible femur in multibody simulation, 30 orthonormalized Craig—Bampton [30] defor-
mation modes and corresponding eigenfrequencies were computed. Computation time for
the modal analysis was 2.5 hours on a desktop computer with an AMD Phenom II X3 720
(2.8-GHz) processor and 4 GB of RAM. Craig-Bampton deformation modes obtained from
the analysis are presented in Fig. 4. Deformation modes affecting strain energy more than
1 % are additionally marked with a star.
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5 Multibody model of the test person walking

In order to accomplish the specified objective, multibody software is needed. At the time of
writing this text, several multibody software platforms were available. Among them: MSC
Adams [31], LMS Virtual.Lab [32], Anybody [33], OpenSim [34], VIMS [35]. The last
three packages are designed for biomechanical simulations; however, they are intended to
work with rigid bodies only. This limits the use of this software in bone strain estimation. To
circumvent the problem, the theory of elastodynamics [36] or lumped mass approach [37,
38] could be used. However, these are not state-of-the-art in modeling flexibility of geomet-
rically complex structures. Both MSC Adams and LMS Virtual.Lab allow for modeling of
general flexible bodies. However, modeling of human musculoskeletal systems is extremely
laborious, due to the number of complex components and models of substructures. Combin-
ing MSC Adams and LifeMOD software packages gives flexibility for general multibody
code and at the same time provides tools for human modeling.

MSC Adams (ver. R3, MSC software corporation, Santa Ana, California, USA) general
multibody package [31] was chosen as the simulation environment. Human musculoskeletal
modeling was performed using the dedicated LifeMOD (ver. 1.0.0, LifeModeler Inc., San
Clemente, California, USA) plug-in. A three-dimensional skeletal model of the test person
was created based on five parameters: weight, height, age, ethnicity and gender. To fully
represent the subject, the model was further adjusted using the measurement of joint lo-
cations from the computed tomography scans. The model is depicted in Fig. 5. After this
adjustment, kinematical joint descriptions were introduced and passive recording muscle
representations were added.

Marker trajectories obtained from the experiment were used to drive the model in the
inverse dynamics, producing the desired muscle length change patterns. These are used by
the muscle controller in forward dynamics. The simulation time step was 0.01 seconds and
a contact optimized integrator was chosen. After inverse dynamics simulation, the rigid left
femur was replaced with a flexible one, generated in Ansys. Passive muscles were replaced
with active muscles controlled via PID (proportional-integral-derivative) controllers with
contraction splines obtained from the inverse dynamics. Foot—ground contact model was
based on spherical elements that were added: one at the heel, one in the middle of each foot,
and one under each phalanx. Penalty contact formulation with friction was used to describe
the foot—ground contact. The principle of the contact formulation is presented in Fig. 6.

During the simulation, the contact is detected when the contact ellipse penetrates the
contact plane. Normal reaction force, F),, is then computed using equation

F,=Kd"+C(d)d (12)

where d is the penetration depth, n the exponent, K the contact stiffness and C(d) the
damping coefficient depending on the damping depth (14). Friction force, F, is computed
using Coulomb’s model:

Fy=uF, (13)

where w is the coefficient of friction. The contact damping coefficient is computed us-
ing (14), where cyax is the maximum damping coefficient and dp.x is the maximum pen-
etration depth [39]:

sin(54—.7—Z)
C(d) = (% +0.5) - cmax  d < dmax (14)
CmﬂX d > dmax
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Fig. 5 Multibody model used in
walking simulation
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Initial contact parameters were adopted from [40]. Through an iterative optimization
process, where the stability of the model was used as the target function, the final contact
stiffness was determined to be 300 N/mm, maximum damping was 25 N s/mm, exponent n
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was equaled to 1 and the maximum penetration depth was constrained to 0.01 mm. Due to
the static nature of friction between bare feet and the force platforms, the friction coefficient
was set to 1. Walking speed was determined from the inverse dynamics and used as the
initial condition for the forward dynamics simulation. The forward dynamics simulation was
performed to obtain femoral strains during locomotion. The same time step and integrator
settings were used as for the inverse dynamics.

During the forward dynamics simulation, the model is only driven by muscles; to main-
tain vertical stability the LifeMOD tracking agent is used. In case of the presented model,
only torques are applied to the center of mass of the model to prevent the model from falling
down. As mentioned in previous publications [18], the stabilization procedure does not in-
fluence the simulation results in a considerable manner.

Inclusion of the full finite element model to the multibody simulation would increase
the computational time remarkably. To circumvent this problem, modal reduction [30] of
the finite element model is applied. Modal representation of the bone model allows for a
decrease in the size of the system from over 196,000 variables to 30 modal coefficients,
which specify the contribution of each of the modes. It is important to keep in mind that
the flexible model has to be solved for each time step, thus reduction of the model size
is a necessity. A single deformation mode describes the deformed state of all the nodes in
the finite element model under a certain loading condition. This technique is based on the
assumption that using a sufficient amount of deformation modes and computing weighted
averages of the modes, one can obtain the deformation of the body, closely matching the
result of the complete finite element model.

6 Results

The finite element fall-down scenario computation produced a total support force equal to
14.6 kN. This force represents the maximum impact force according to the test procedure
described in [19]. According to the procedure, 4 % displacement of the femoral neck will
correspond to the fracture condition. The normal strains around the cross section of the
femoral neck obtained in the finite element analysis are presented in Fig. 7. Strains were
computed at the same nodes in the finite element analysis as in the flexible multibody simu-
lation to allow a direct comparison of the results. All figures related to locomotion represent
averaged results of two gait cycles. The timescale of the plots is scaled in percentage of
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Fig. 7 Normal strains at femoral neck during fall-down scenario
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Fig. 8 Horizontal (a) and vertical (b) components of ground reaction force measured during walking exper-
iment and obtained from multibody simulation

walking phase, where 0 % corresponds to heel strike, 53.5 % to toe-off and 100 % is the end
of the forward swing of the leg. Ground reaction forces obtained from the measurements
and multibody simulation are presented in Fig. 8 for model verification. The horizontal
component of the ground reaction force (Fig. 8a) is a result of the friction between foot and
the force platform. Strain results were obtained at eight external nodes located around the
femoral neck’s middle cross section. The strains were computed along the axis perpendicular
to the cross section as indicated in Fig. 9. Figure 10 illustrates axial strains at the proximal
lateral aspect of the femur; the location of the node and axis along which the strains were
computed correspond to Ref. [20].

7 Discussion and conclusions

Finite element analysis of the fall-down scenario according to the procedure described
in [19] showed, as expected, that the test person is not likely to have osteoporosis. The clas-
sification is based on the values for healthy and osteoporotic test subjects reported in [19].
The span of results reported in the cited study is 2.5 to 15 kN for healthy subjects and 1.9
to 8 kN for subjects with osteoporosis. The impact force result of 14.6 kN is above one
standard deviation from the average results obtained from the healthy subjects in Orwoll’s
study [19], and this allows for the classification of the test person as not belonging to the
high-risk hip fracture group. The force is also larger in value than the largest result of osteo-
porotic subject in Orwoll’s study [19] which makes it very unlikely for the subject to have
symptoms of osteoporosis. The age of the test person is 8 years less than the average age of
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Fig. 10 Axial strains at the
proximal lateral aspect of the
femur during walking obtained 1000
from multibody simulation. Node
location is indicated by a dot and
the axis orientation is shown by 200
an arrow
g
= 600 1
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E 400
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the subjects in Orwoll’s research and explains the greater bone strength results. Figure 7 in-
dicates bending combined with compression as the dominating deformation mode during the
fall-down scenario test, which is in line with the referenced study. The highest compressive
strains occur at the medial aspect of the femoral neck and reach a value of —10467 p. This
is approximately 5 times larger than the strain at this location during walking and 2.5 times
larger than the largest compressive strain in the chosen femoral neck cross section during
walking. In [29] de Bakker et al. based on their high-speed camera studies on the mech-
anism of proximal femur fractures suggest that the failure process is in fact a two-stage
process, where the failure initiates in the superior surface and later on in the inferior part
of the femoral neck. Their study supports the importance of reporting compressive strains,
while it was hypothesized that the detailed failure mechanism may actually be associated
with buckling—occurring in the superior region due to the large compressive stress.
Multibody simulation showed strain results at the lateral aspect of the femur that compare
well with the data obtained in the in vivo study by Aamodt et al. [20]. These results are
shown in Fig. 10. Peak strain is achieved at heel strike, and in the current simulation it
reaches 1023 p. The Aamodt et al.’s study indicated a maximum value of 1300 u for the
heel strike. Stance phase, as cited in study [20], is characterized by moderate tensile strains
and the forward swing oscillates between compressive and tensile loading within the range
of —400 to 200 w. In the current study, swing phase strains vary between —168 and 464 |,
which is in good agreement with the cited results. The overall correlation between current
strain results and results from Aamodt et al. [20] is evaluated to be on the level of 67 %.
The difference is caused mostly by age and gender differences between test persons in the
studies; however, due to the similar neck-shaft angles (129°—in current study, and 124°—
in [20]) and the same activity, it is assumed that the comparison is relevant. Comparing
correlation of Aamodt et al.’s separate walking cycles to the average cycle, the correlation
was around 94 %. Thus, even for the same subject quite a large variation of the walking
cycle is possible. Summarizing the strain results from the current study with those from the
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experimental research, it is observed that the zero-strain level in the experimental study is
shifted by approximately +200 p with respect to the current research. This could clearly
reduce the correlation between studies.

The horizontal component of the ground reaction force (Fig. 8a) obtained in the simula-
tion shows 85 % correlation when compared to measurements, which is a fairly good result.
The vertical component of the ground reaction force (Fig. 8b) presents satisfactory corre-
lation with the measurements with a correlation factor of 83 %. It is noted that the vertical
component of the ground reaction force is overestimated in the simulation during the heel
strike, while during the push-off phase, this force is underestimated. Comparison of the ex-
treme strain span at the heel strike with the same quantity at the push-off phase shows a 26 %
difference. At the same time the vertical component of the ground reaction force decreased
by 39 %. This suggests that the sensitivity of the femoral neck strains to ground reaction
force is moderate. Nevertheless, more detailed sensitivity analysis is needed to quantify the
femoral neck strain to ground reaction force relationship. The discrepancies can be caused
by the stabilization agent’s need to maintain an upright position for the model. However,
energy applied by the stabilization system did not account for more than 5 % of the total
kinetic energy at any time step.

The most interesting results from the simulation are the strains in the femoral neck. This
relatively small cross section of the largest human bone is subject to relatively large strains
even during walking. The vertical component of the hip joint reaction at peak reaches 236 %
of body weight during heel strike. In average, during the stance phase, hip joint load is
around 110 % of the body weight, while during the forward swing this value drops to 70 %
of the body weight.

The loading state is complex, it combines compression and bending, thus both tensile
and compressive strains can be seen in Fig. 9. During the stance phase, the largest strains
are transmitted through the femoral neck. Correlation between the shape of strain curves
and the ground reaction force can be seen from a comparison of the vertical ground reaction
force (Fig. 8b) and the femoral neck strains (Fig. 9). Two characteristic peaks corresponding
to heel strike and push-off phase can be seen. The highest absolute strains can be observed
during the heel strike due to the impact. Forward swing is characterized by strains not ex-
ceeding 50-60 % of the stance phase strains. The stance phase loads mostly occur from the
body mass and from rapid deceleration on the heel strike and from the change of force re-
lated to the push-off phase. Loads during forward swing come from the inertia of the whole
leg and muscle forces created by muscles linking the femur and pelvis. The beginning of the
forward swing is characterized by a change in bending direction, the antero-medial aspect
of the femoral neck starts to transmit compressive load and the postero-lateral section takes
the tensile load. The situation inverts around the middle of the forward swing, changing to a
tensile-compressive load division in the same fashion as in the stance phase. Stance phase is
characterized by bending combined with compressive strains, which is reasonable due to the
body weight support. Forward swing phase is almost entirely loaded by pure bending. The
results show that flexible multibody dynamics can be used to evaluate femoral neck strains
reliably.

Finally, limitations of the current study need to be presented. Previous research done on
the influence of the loading direction on the proximal femur fracture using finite element
method has shown that the loading direction has a substantial influence on the fracture load
magnitude [41]. In the current study, the fracture load was determined based on the method
used in the in vitro study conducted by Orwoll and only considered one loading direction.
This clearly limits the conclusions that can be drawn from the results.

Multibody simulation presented in this paper is based on commercial software. The
biggest unknown is the muscle control system implemented in LifeMOD. LifeMOD uses

@ Springer



254 A. Klodowski et al.

the PID control mechanism to compute muscular forces, as well as allowing for the intro-
duction of maximum force production constrains for each muscle individually. However,
load division between muscles within the same muscle group is calculated through a closed
code optimization routine. The muscle force solver used in the LifeMOD is based on the re-
search conducted by Crowninshield and Brand [42]. While in their study the mathematical
model was capable of producing muscle activity patterns in agreement with the observed ac-
tivity patterns of the muscles determined by electromyography, the LifeMOD muscle force
solver still lacks sound validation. For this reason, the strain results presented in this paper
represent one possible output for the specific subject and physical activity. As the muscle
redundancy problem can be solved in a number of ways, the strain result output can also
vary for a single subject. And more research needs to be done in order to specify the upper
and lower strain limits, which can be observed at specific bone sites.

In order to obtain strain results for specific motion produced by the test person, muscle
forces would have to be reproduced from the experiment in the model. Accomplishing this
task is still challenging, as direct muscle force measurement is not feasible without surgi-
cal intervention and indirect force measurement based on electromyography has a downside
of not always being reliable in terms of electromyography—force relationship [43]. Further-
more, the electromyography signals are not obtainable from all of the muscles, due to diffi-
culties in accessing them. On the other hand, the use of electromyography as an additional
input for muscle optimization procedure is a promising technique [44].

Stabilization of the body during walking is another issue that needs to be addr