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Abstract:

Modeling of cortical bone response and failure is critical for the prediction of Crash Induced Injuries (Cll)
using advanced finite element (FE) Human Body Models (HBM). Although cortical bone is anisotropic
and asymmetric in tension and compression, current HBM often utilize simple isotropic, symmetric,
elastic-plastic constitutive models. In this study, a 50" percentile male femur FE model was used to
qguantify the effect of asymmetry and anisotropy in three-point bending and axial torsion. A complete
set of cortical bone mechanical properties was identified from a literature review, and the femur model
was used to investigate the importance of material asymmetry and anisotropy on the failure
load/moment, failure displacement/rotation and fracture pattern. All models were able to predict
failure load in bending, since this was dominated by the cortical bone material tensile response.
However, only the orthotropic model was able to predict the torsional response and failure moment.
Only the orthotropic model predicted the fracture initiation location and fracture pattern in bending,
and the fracture initiation location in torsion; however, the anticipated spiral fracture pattern was not
predicted by the models for torsional loading. The results demonstrated that asymmetry did not
significantly improve the prediction capability, and that orthotropic material model with the identified
material properties was able to predict the kinetics and kinematics for both three-point bending and
axial torsion. This will help to provide an improved method for modeling hard tissue response and
failure in full HBM.
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1. Introduction and Background

Human Body Models (HBMs) provide a computational platform to assess occupant response and the
potential for injury in crash scenarios [Gierczycka et al., 2015; Schmitt, 2014], and, ultimately, to
mitigate injury. An important goal for HBMs has been to predict injury at the tissue level and, in
particular, to predict hard tissue failure or bone fracture, as this is often an injury of importance [AIS,
2005], or may be indicative of nearby soft tissue injuries [Tscherne et al., 1982]. However, the capability
of HBMs to predict hard tissue fracture has been limited by the use of relatively simple constitutive
models, for example isotropic metals plasticity models in the Global Human Body Models Consortium
(GHBMC) and Total Human Model for Safety (THUMS) models, coupled with erosion-based material
failure approaches [Hambli et al., 2012, 2013]. The mechanical behavior of bone and the mechanism of
bone fracture have been investigated using computational models at the microscopic and macroscopic



levels for over 40 years [Zysset et al., 2013]. Nevertheless, a widely accepted continuum treatment for
cortical bone that can predict the failure load and fracture pattern for different modes of loading is not
yet available.

Predicting fracture propagation and fracture pattern will enable HBMs to better predict the
potential for injury in impact scenarios and could potentially enable HBMs to predict post-fracture
response, which is acknowledged to present challenges in existing HBMs [DeWit et al., 2012]. In the
short term, accurate prediction of cortical bone response and potential for failure is critical for HBM to
address current challenges in human safety. Although mechanical testing of bone has identified
asymmetry and anisotropy in bone material, the importance of these effects has not been assessed in
full HBMs, where computational robustness and efficiency through a relatively coarse finite element
mesh size are required.

This study aims to narrow that gap by identifying a set of cortical bone material properties from
experimental studies and assessing the contribution of asymmetry and anisotropy to failure load and
fracture pattern using a three-dimensional femur bone model from a current HBM assessed with
independent whole-bone experimental data.

1.1 Mechanical Response and Modeling of Bone

The complex hierarchical structure of bone has been associated with anisotropic material properties,
asymmetry in compression and tension loading, and variations in properties with deformation rate
[Cowin et al., 2001; Hansen et al., 2008; McElhaney, 1966; Reilly and Burstein, 1975; Turner, 2006].
Although many reported properties exist for human and animal cortical bone, a single set of properties
has not yet been proposed for general use for three-dimensional bone models in HBMs.

Many studies have investigated hard tissue constitutive models at the coupon level [Fondrk et
al., 1999; Garcia et al., 2009, 2010; Iwamoto, 2005; Schileo et al., 2008; Tanaka et al., 2012; Zysset et al.,
2013], but these approaches have not been translated to three-dimensional bone models in HBMs. The
proposed constitutive models included a linear elastic-plastic formulation for low strain rates in the
physiological range [Garcia et al., 2009, 2010; Tanaka et al., 2012;], a non-linear visco-elastoplasticity
formulation for a large strain deformation and higher strain rates [Fondrk et al., 1999], anisotropy
[lwamoto et al., 2005], a compression-tension asymmetry [lwamoto et al., 2005; Niebur et al., 2000;
Schileo et al., 2008], and a post-yield damage [Zysset et al., 2013]. Two studies [lwamoto et al., 2005,
Martin et al., 1998] identified the bone strength asymmetry and anisotropy as the main contributors to
bone fracture mechanisms and patterns. However, current methods of simulating cortical bone in HBMs
treat the bone material as isotropic, with symmetric compression and tension properties modeled using
metal plasticity approaches [e.g. Untaroiu, 2013].

Due to the complex geometry of bones and the need for computational efficiency in HBMs,
continuum-level models with element sizes on the order of 1 mm to 3 mm are used. Asgharpour et al.
[2014] extracted a femur from the THUMS HBM and developed a bone material model to replicate an
experimental femur bending response; however, the mesh size dependency of the predicted response
limited application of the material model proposed by Asgharpour (2014) in other HBMs. In addition,
strain rate dependent mechanical properties significantly over predicted the failure load (7 kN compared
to an average failure force of 4.3 kN in the experiments [Funk et al., 2004]) for dynamic three-point
bending of the femur. In a similar study, Untaroiu (2013) did not include rate effects in the material
properties, since these propreties were not consistently supported by the experimental data. He used
an isotropic model with an effective plastic strain failure criterion but disabled the failure criterion in the



area in which the impactor contacted the femur to avoid failure in the compression region, and
predicted a failure force of 3.82 kN in three-point bending.

Model geometric simplifications have also been proposed, such as a two-dimensional (2D)
femoral neck model [Hambli et al., 2012], with a clear limitation that it could only be applied to
relatively simple loading, where a plane stress assumption incorporated in Hambli’s [2012] model could
not be applied to three-dimensional HBMs. Furthermore, Hambli [2012] implemented the material
damage and crack propagation as a user-defined constitutive model, which is at present not available to
other researchers. In another study, Hambli et al. [2013] studied the quasi-static three-point bending
load of a single trabeculae strut using a 2D finite element (FE) model with a user-defined material
model. These methods involved a large computational cost, they are not generally available to the
research community, and at present are not directly applicable in full HBMs with complex geometry.

Hard Tissue Failure

Modeling of hard tissue failure comprises two events: the accumulation of damage and initiation of the
fracture, and fracture propagation. Micro-models with element sizes on the order of 1 um have been
used to investigate crack deflection into cement lines and resistance to crack propagation across
osteons [Mischinski et al., 2011], which was found to decrease with increasing strain rate [Ural et al.,
2011]. Methods utilized to predict fracture at the continuum level include the cohesive zone model
(CZM) [Ural et al., 2011], a reduced stiffness approach [Hambli, 2013], an extended finite element (X-
FEM) approach [Abdel-Wahab et al., 2012; Feerick et al., 2013; Li et al., 2013], and the element deletion
or erosion approach [Hambli et al., 2012; Harrison et al., 2013]. The main limitation of the CZM is a
requirement to pre-define the fracture path for the analysis [Ali et al., 2014; Feerick et al., 2013].

Although the X-FEM approach is desirable to model crack propagation, it is computationally
expensive and currently applicable in 2D models [Abdel-Wahab, 2012; Feerick, 2013; Hambli, 2013; Li,
2012]. Furthermore, in a study that incorporated X-FEM in a 2D cortical bone model, simulation
convergence and numerical stability presented challenges, due to multiple, mutually intersecting cracks
predicted over a small region after a mesh refinement [Idkaidek et al., 2016]. Therefore, a smaller FE
mesh requires a smaller time increment, leading to a longer simulation time, but without providing a
guarantee of a more accurate result compared to a coarser mesh. Only a few studies [Ali et al., 2014;
Giambini et al., 2016] have incorporated the X-FEM approach in 3D models, since this approach requires
a custom solver and methods that are not commercially available at present.

While the element deletion (erosion) method is widely used to model material failure, one
limitation is an aggregated treatment of crack initiation and propagation [Hambli et al., 2012, 2013]. The
fracture pattern is thus determined by the deleted elements of the mesh. In a more geometrically
complex scenario, a study by De Wit and Cronin [2012] demonstrated that a relatively simple isotropic
metal plasticity model with element erosion could predict the onset of failure, but generally did not
predict the fracture pattern when a maximum plastic strain erosion criterion was used. The element
erosion method has been shown to predict fracture patterns at the whole-bone level [Niebur et al.,
2000; Schileo et al., 2008] for some modes of loading. A strain-based failure criterion is generally
employed for numerical stability [De Wit and Cronin, 2012], and was justified by Nalla et al. (2003), who
demonstrated experimentally that the local criterion for fracture in human cortical bone was consistent
with a strain-based criterion used in theoretical and computational bone models.



1.3 Experimental Data for Model Assessment

Evaluation of a computational model requires an objective assessment alongside the experimental data,
in this case focused on cortical bone response and failure for whole-bone scenarios. The human femur is
one of the most widely tested whole bones, and has been tested at the material level extensively, owing
to the size of the bone and therefore the ability to extract test samples. Whole femur experimental tests
include three-point bending, axial torsion and axial compression. Although axial compression loading is
an important load case in vehicle crash scenarios due to interaction of the knee with the vehicle
instrument panel, early investigations identified that the predicted response and failure were directly
linked to the mesh transition between the diaphysis and epiphysis in the femur model. Therefore, an
objective evaluation of the cortical bone material properties with this load case was not possible. Thus,
three-point bending was used to assess tension-compression properties, while axial torsion was used to
evaluate shear material properties.

Butterfly or tension wedge fractures are a typical fracture pattern in bending [Kress et al., 1995;
Sharir et al., 2008; Turner, 2006] (Figure 1), although other patterns, such as oblique and transverse
fractures, have also been identified in experiments [Kress et al., 1995; Rich, 2005]. The location of failure
initiation in bending of the long bone is reported to occur on the tension side of the bone. As the crack
propagates transversely across the bone and into the compressive loading regime, it often bifurcates at
an angle of approximately 45 degrees to the transverse direction [Sharir et al., 2008; Turner, 2006]. The
measured failure load for a human femur in three-point bending experiments ranges from 2300 N to
5800 N, depending on the gender and the loading direction (antero-posterior or medio-lateral) [Funk et
al., 2004; Kennedy et al., 2004; Kress et al., 1993; Mather et al., 1967].

In contrast, a distinctive spiral fracture pattern is observed for axial torsion loading in which the
fracture propagates perpendicular to the orientation of the maximum principal stress [Martin, 2015],
with the failure initiation occurring at the mid-shaft of the bone [Porta et al., 1997; Rich et al., 2005].
The reported axial torque at failure ranges from 108 Nm to 183 Nm [Kress et al., 1993; Martens et al.,
1980].

2. Methods

A three-dimensional femur finite element (FE) model (Figure 2) was isolated from a current 50"
percentile male Human Body Model (HBM) (GHBMC M50, Version 4.3, GHBMC.org) and subjected to
two load cases using a commercial FE software (LS-Dyna R7.1.2, LSTC, Livermore CA). The methodology
included an identification of material properties from the literature, selection of two constitutive models
to represent the material properties, a single element verification of the constitutive models, and
guantification of the material anisotropy and asymmetry using the whole-bone femur model.

2.1 Identification of Cortical Bone Mechanical Properties

Although many studies have measured one or more of the bone mechanical properties independently
[Ashman et al., 1984; Currey, 2002; Gibson et al., 1988; Hansen et al., 2008; Reilly & Burstein, 1974;
Tang et al., 2015], no single human cadaver tissue study has fully characterized all relevant mechanical
properties of cortical bone for use in FE models (Young’s, shear and bulk moduli, Poisson’s ratio in all
directions, and strength/damage in tension, compression and shear modes of loading). The cortical bone
elastic mechanical properties (Table 1) and strength properties (Table 2) were identified from four



studies: tension and compression properties were taken from Reilly and Burstein, [1974, 1975], shear
properties were determined from Tang et al. [2015], while the Poisson’s ratio was provided by Ashman
et al. [1984]. Properties from these studies were utilized due to the extensive number of experimental
specimens [Reilly and Burstein, 1974, 1975], and specific modes of loading [Tang et al., 2015]. Strain rate
effects were not considered in this study, since they were not supported by the whole-bone
experimental data as presented in the discussion. In comparison with the current properties in the
GHBMC model, the Young’s modulus in the current study was 18% higher, while the ultimate strength
was the same in tension and 20.5% higher in compression.

2.2 Constitutive Model Identification

The reference material model currently used in the GHBMC HBM for the femur cortical bone was an
isotropic metal plasticity model (M_ISO_SYM) (Table 3), using the tension-based properties (Tables 1
and 2). The M_ISO_SYM model was symmetric in tension and compression. No single commercially
available material model incorporated all of the desired characteristics including: anisotropy, tension-
compression asymmetry for the modulus and strength, and material failure. Therefore, two available
constitutive models identified from a previous, extensive survey of available constitutive models for
cortical bone [Khor et al., 2016a; 2016b] were used to investigate asymmetry (M_ISO_ASYM) and
anisotropy (M_ORTHO_SYM) (Table 3).

The M_ISO_ASYM did not include anisotropy and therefore only the tension-compression
properties in the longitudinal (osteon) direction [Reilly and Burstein, 1974] were utilized. In the case of
the M_ORTHO_SYM model, the material directions were specified at the element level based on node
numbering to ensure the material axes followed the contour of the bone. The material was treated as
orthotropic with the 1-direction corresponding to the osteon longitudinal or length direction, and
following the long axis of the whole bone. The 2-direction corresponded to the transverse
(circumferential) direction, while the 3-direction was defined through-thickness (radial). Since the
M_ORTHO_SYM model did not incorporate tension-compression asymmetry for the elastic moduli, the
tension-based elastic properties were used in the longitudinal and transverse directions (Tables 1 and 2).
This choice was based on the finding that failure initiated on the tensile side of the bone in bending
[Kress et al., 1995; Sharir, 2008], and the tensile strength was lower than the compressive strength. The
simplified damage model definition in the M_ORTHO_SYM model was based on the definition of yield
strain, namely the strain at which damage initiates, on the critical damage value, and the ultimate failure
strain. The critical damage value was optimized so to match the ultimate failure stress to the
experimental values [Reilly and Burstein, 1974, 1975].

All constitutive models were verified using the same isotropic and symmetric material
properties (Table 3) within the models to confirm that the response was the same as the baseline
material model (M_ISO_SYM). This was found to be the case, confirming that the implementation and
use of the material models was as intended

Secondly, each of the material models was verified using a single element simulation for three
modes of loading: tension, compression and shear (Appendix A, Figure A.1 and Figure A.2). The
mechanical properties for the models (Tables 1 and 2) were incorporated with a failure criterion using
the tensile plastic strain of 0.0235 [Reilly and Burstein et al., 1975].



2.3 Femur Computational Model to Assess Material Constitutive Models

Whole-bone simulations of experimental tests were undertaken using a recent HBM femur model (M50
GHBMC model, Version 4.3) (Figure 2). The cortical bone in the diaphysis of the femur was meshed with
linear selectively reduced fully integrated solid hexahedral elements, with three elements through the
thickness. The trabecular bone (epiphysis and metaphysis) was meshed with hexahedral solid elements,
while the thin cortical shell in these locations was meshed with shell elements for computational
efficiency. For the purposes of this study, the epiphysis and metaphysis compliance and geometry were
important. However, in all experimental cases considered, failure occurred in the diaphysis, therefore
the investigated constitutive models were applied to the cortical bone solid elements in the diaphysis.

Experimental data for three-point bending and torsional experiments used in this study were
derived from studies by Funk et al. [2004] and Martens et al. [1980] respectively (Table 4) because these
studies provided a very detailed test set-up description, which was essential for replication of the test
boundary conditions in the simulation. The length and area of the femur used in this study were in good
agreement with the anthropometric data of the PMHS bone donors in the bending experiment [Funk,
2004] (Table 5). Martens et al., (1980) did not provide geometrical data on the individual femur
dimensions but did report an age range of 27 to 80 years old for the femur specimens, and a mixed
gender of male and female donors. To simulate the medio-lateral three-point bending test by Funk et al.
[2004], a 12 mm semi-cylindrical deformable solid mesh was created for the impactor, with a rigid shell
backing and steel material properties (Figure 3A). A prescribed motion was imposed on the rigid shell
backing corresponding to translation in the lateral-medial direction (+'Y’ in model axis) at a constant
velocity as in the experiment conducted by Funk et al. (2004). The proximal end was constrained to only
allow translation in the model ‘X’ direction whereas the distal end of the bone was constrained in all
directions, and the rotations were constrained to allow rotation only about the medio-lateral direction
(model ‘Z’ direction). The boundary conditions were applied to the shell mesh of the cortical bone
portion of the epiphyses, representing the experimental boundary condition where the ends of the
bones were potted in bone cups. The center of rotation was specified to be coincident with axis of
rotation in the experiments. The responses were filtered using a CFC 1000 filter [Funk, 2004].

In the torsion experiments conducted by Martens et al. [1980], the epiphyseal ends were
imbedded in rectangular blocks of plastic, which were in turn secured in the grips of a torsion testing
machine. Boundary conditions were applied at the epiphyses of the femur to create torsional loading of
the bone in the simulation. In this case, the long axis of the shaft was aligned with the model ‘Y’ axis
(Figure 3B). The distal epiphysis was fixed in all translation and rotation directions, while the proximal
epiphysis was allowed to rotate and translate about the superior-inferior direction (model ‘Y’ direction).
It was not clear from the experimental study if axial translation was restricted during testing; however, a
comparison of models with and without this constraint showed little difference in the torque-rotation
response and fracture pattern. Therefore, axial translation was allowed, since this was the likely case in
the experimental study. A prescribed motion of the proximal epiphysis was imposed about the model ‘Y’
axis, with a rotational velocity of 500 °/s after an initial ramp time of roughly 10 ms, simulating the
loading time in the experimental study.

The local material coordinate system was assigned to each finite element based on the element
node numbering. Although several approaches were possible (e.g. using a global vector to assign
directions), the mesh and elements generally followed the principal directions of the bone: osteon,
radial and transverse. Within the model, the elements were intentionally numbered in a consistent
fashion using a software program (Hypermesh, Altair), such that the first two nodes of the element were
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used to define the osteon direction, defining the first material direction. Within the specific FE solver,
the remaining element nodes were used to define the transverse (circumferential) and radial directions.
These directions were used by the material model as the local material coordinate system.

2.4 Material Variability Study

In order to assess the sensitivity of the whole bone response to variations in the mechanical properties,
the material failure strength and strain were increased and decreased by one standard deviation (SD,
shown in brackets in Table 2). Similarly, the elastic modulus was also increased and decreased by one
standard deviation (SD shown in brackets in Table 1).

3. Results
3.1 Single Element Simulations for Constitutive Model Verification

Each of the three constitutive models was verified using single element simulations. The symmetric
isotropic model (M_ISO_SYM) model was able to reproduce the complete tension stress-strain curve
[Reilly and Burstein, 1975] (ultimate strain: 0.031 and ultimate stress: 0.135 GPa) (Appendix A).
However, the lack of asymmetry in the model resulted in a compression curve comparable to the
tension curve. Therefore, the literature stiffness and ultimate strength (17.28 GPa, 0.205 GPa) were
under-predicted (16.4 GPa, 0.135 GPa) when the tension properties were used for compression
simulations. The ultimate strain in compression (0.03) was similar to ultimate strain in tension, and was
higher than the experimental ultimate compression strain of 0.0185 (Appendix A). The M_ISO_SYM
constitutive model incorporated shear properties determined from the tension properties, resulting in
the ultimate shear strength and strain values from the simulation being higher (0.08 GPa and 0.051)
than the experimental values (0.05 GPa and 0.026) [Tang et al., 2015]. The model failed under shear
loading when the effective plastic strain reached the failure limit, corresponding to a shear strain of
0.05, which over-predicted the experimental failure strain (0.026) [Tang et al., 2015].

The isotropic asymmetric (M_ISO_ASYM) model was able to reproduce the complete tension
and compression stress-strain curves [Reilly and Burstein, 1975] (Appendix A). In tension, the model
predicted the experimental ultimate stress and strain (0.135 GPa, 0.03). In compression, the stiffness
and ultimate strength matched the literature data. However, the ultimate strain in compression (0.035)
was higher than the experimental ultimate compression strain of 0.0185 (Appendix A), since failure was
defined using the effective tensile plastic strain (0.0235). The shear strength was incorporated within
the constitutive model and calculated using the compressive strength and a von Mises criterion,
resulting in a higher ultimate shear strength (0.12 GPa) than the experimentally measured value (0.05
GPa) [Tang et al., 2015].

The orthotropic symmetric model (M_ORTHO_SYM) allowed for a definition of tension and
shear properties in three directions, but did not include asymmetry in the elastic material properties.
The longitudinal (1) direction was coincident with the osteon direction, and the model was able to
reproduce the ultimate tensile strength (0.135 GPa). However, M_ORTHO_SYM under-predicted the
ultimate tensile strain (0.0119) by approximately 60% due to the simplified damage definition, which did
not allow for the damage peak to occur at both the ultimate tensile stress and strain experimental
values (0.135 GPa, 0.031). The shear (0.05 GPa, 0.025) responses were predicted in agreement with the
literature data. Early studies demonstrated that defining failure in compression and shear produced an
unphysical response of the full femur model. Therefore, only failure in tension was defined for the
M_ORTHO_SYM model. When damage was enabled (Table 2), material softening occurred prior to the



ultimate strength, in agreement with the experimental studies, and attributed to the formation of micro
cracks [Ebacher et al., 2007].

3.2 Three-point Bending Force-Deflection and Fracture Response for Whole Femur Model

In the three-point bending simulation (Figure 4), the M_ISO_SYM model under-predicted the
experimental bending failure force and displacement (4.29 kN and 16.7 mm) [Funk et al., 2004] by 17.4%
(3.55 kN) and 31.2% (11.49 mm), respectively. The M_ISO_SYM model was outside the one standard
deviation bounds for failure force (0.56 kN) and displacement (3.38 mm), and the maximum (4.94 kN,
23.3 mm) and minimum range (3.65 kN, 13 mm) for the test data. The M_ISO_SYM model predicted a
localized fracture (Figure 5) at the location of the indenter (compression zone, bottom of bone),
followed by transverse fracture propagation towards the tension region (top of the bone).

The M_ISO_ASYM model over-predicted the average experimental failure force by 5.8% (4.54
kN) and under-predicted the average failure displacement by 7.9% (15.39 mm). The failure force and
displacement were within one standard deviation of the average. The M_ISO ASYM model predicted a
transverse fracture initiating on the compression side at the location of the impactor, due to contact
stresses between the indenter (load point) and bone, before a fracture was observed on the tension side
and propagated towards the mid-sagittal line of the femur into the compressive region.

The M_ORTHO_SYM model under-predicted the average experimental failure force and
displacement by 6.4% (4.02 kN) and 22.1% (13.01 mm), respectively. The predicted failure force was
within one standard deviation of the average, whereas the failure displacement was below the
experimental minimum value. The M_ORTHO_SYM model predicted fracture initiation on the tension
side of the bone, followed by propagation towards the mid-sagittal line of the femur into the
compressive region, as reported in the literature. Although the fracture pattern did not bifurcate to
form a butterfly fracture pattern commonly observed in experiments, the fracture initiated at the
expected location (tension side) and formed a transverse fracture, as reported in the literature [Ebacher
et. al, 2007; Kress et al., 1995; Rich, 2005].

Two aspects of material variability (material strength and strain at failure, and elastic moduli)
were investigated with all three constitutive models in the three-point bending load case (Figure 6). All
values were varied by one standard deviation relative to the average material properties. Varying the
material strength had the largest effect on the M_ISO_ASYM model failure displacement, and the
smallest effect on the M_ORTHO_SYM model. In contrast, varying the elastic modulus had the largest
effect on the failure displacement of the M_OTHRO_SYM model. Varying material strength had a similar
effect on the force at failure for all models, while varying modulus demonstrated only a modest effect.
However, the fracture initiation location did not change for the models with variation in material
properties (Figure 7). Importantly, the average experimental response remained within the range of
model responses for the M_ORTHO_SYM model, including the material property variations, and the
M_ORTHO_SYM model predicted the fracture initiation and fracture pattern in agreement with the
experimental data.

3.3 Axial Torque-Rotation and Fracture Response for Whole Femur Model



In torsion, the original M_ISO_SYM and the M_ISO_ASYM models both over-predicted the
experimental range of results (200% higher failure torque) whereas the M_ORTHO_SYM model fell
within the experimental range.

The M_ISO_SYM material model (378.11 Nm) (Figure 8) over-predicted the average
experimental failure torque of 183 Nm [Martens et al., 1980] by 107%, and exceeded the upper
boundary of the test corridor failure torque (111 Nm to 286 Nm). Considering the rotation to failure, the
M_ISO_SYM model (21.18 degrees) was 6% higher than the average experimental value (20.0 degrees).
The M_ISO_SYM model (Figure 9) predicted fracture initiation in the vicinity of the lesser trochanter.
The fracture propagated longitudinally through the diaphysis, and then transversely at a location past
the mid-diaphysis and approximately one-third from the lesser trochanter, resulting in horizontal
transverse fractures at these locations.

The asymmetric (M_ISO_ASYM) model (406.64 Nm) over-predicted the average experimental
failure torque of 183 Nm by 122%, and exceeded both the upper boundary of the failure torque. The
M_ISO_ASYM model rotation at failure (20.1 degrees) was in close agreement with the experimental
average value of 20.0 degrees. The M_ISO_ASYM model predicted fracture initiation in the vicinity of
the lesser trochanter, followed by longitudinal propagation, and finally a transverse fracture across the
diaphysis.

The M_ORTHO_SYM model (245.40 Nm) over-predicted the average failure torque by 34%, but
remained within one standard deviation of the average test data [Martens et al., 1980]. The
M_ORTHO_SYM rotation at failure (16.8 degrees) under-predicted the average experimental value by
16%, but remained within one standard deviation of the average test data. The M_ORTHO_SYM model
predicted fracture initiation at the mid-diaphysis, followed by longitudinal propagation across the
diaphysis in the vicinity of the epiphyses.

The result of varying the material failure strength and strain, as well as of the elastic modulus for
the torsional load cases were comparable to the outcomes of the bending case. An increase of the
material failure strength and strain increased the rotational displacement at failure for all models, and
was most pronounced in the M_ISO_SYM model (Figure 10). The failure moment also increased with an
increase in material strength and strain values, and was most pronounced in the M_ORTHO_SYM model
(Figure 10). On the other hand, increasing the elastic modulus value decreased the failure rotational
displacement for all the models, with the most significant effect for the M_ORTHO_SYM model. The
failure moment did not significantly change (less than 10%) due to variation of the elastic modulus. In
general, the fracture initiation location did not change, except for the M_ISO_SYM model with -1SD in
strength and strain reduced by one standard deviation (-1SD), where fracture occurred at the interface
between the epiphyses and diaphysis (highlighted in a red box in Figure 11).

4. Discussion
4.1 Single Element Simulations

The results of the single element verification models were in good agreement with the experimental
data (Appendix A), except for the shear strength for the M_ISO_SYM and M_ISO_ASYM models, due to
the shear properties being determined from the tension properties. This is an important finding in terms
of demonstrating that traditional metals models, using a von Mises yield surface, may not be
appropriate for modeling cortical bone in shear or mixed-mode loading.
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4.2 Three-Point Bending Test Simulations

In terms of kinetics, the M_I1SO_ASYM model predicted the failure force closest to the experimental
average (5.8% difference) and remained within one standard deviation of the average failure force. The
total displacement at failure was lower than the average for the M_ORTHO_SYM and M_ISO_SYM
models, with the M_ISO_ASYM model providing the closest values to the reported experimental data.
This discrepancy was caused by potential contribution of the test apparatus and potting compliance to
the overall measured deformation, which was not included in the model. This is an important
consideration when comparing experimental and computational displacements, where the model
displacement is often lower than the displacement reported in the experiment. Importantly, only the
M_ORTHO_SYM model predicted fracture initiation on the tension side. Both the M_ISO_ASYM and
M_ISO_SYM models incorrectly predicted fracture initiation on the compression side of the bone at the
load point location, which is due to the use of a plastic strain failure criterion.

An additional study was undertaken to vary the three-point bending load velocity, and no difference in
response or failure was identified, indicating that inertial effects were not significant in this case. In a
second side study, the finite element mesh was refined by splitting the mesh twice (Appendix B). There
was a slight reduction in failure load or moment as the mesh was refined; however, the model was
generally consistent due to modest stress gradients at the failure location. Further, applying Richardson
extrapolation demonstrated that the mesh was reasonably converged in terms of force and
displacement at failure. However, the finer mesh typically produced a more distinct fracture pattern. It
is acknowledged that a true convergence cannot be achieved when element erosion is present;
however, for the practical purposes of this study, all three finite element mesh sizes provided similar
results in bending (Appendix B).

4.3 Axial Torsion Test Simulations

The M_ORTHO_SYM model prediction of the moment at failure was the closest to the experimental
average (34.1% difference), since the published material shear properties and strength were directly
represented in the M_ORTHO_SYM constitutive model. The predicted rotation at failure was lower
compared to the experimental average, but within one standard deviation of the average, attributed to
potential compliance in the experimental test setup that was not included in the model. The
M_ISO_SYM and M_ISO_ASYM models on the other hand over-predicted the moment at failure, as
shear properties could not be defined in these constitutive models. As shown in the single element
simulation results, the shear strength was determined from the material tensile or compressive strength
using the von Mises failure criterion, leading to a maximum shear stress of approximately 0.115 GPa for
the M_ISO_ASYM model and 0.076 GPa for the M_ISO_SYM model. Both values exceeded the published
data by Tang et al. [2015], where the longitudinal ultimate shear strength was 0.029 GPa and the
transverse shear strength was 0.050 GPa. In all cases, fracture initiated in the diaphysis of the bone and
propagated longitudinally (Figure 9). None of the models predicted the typical spiral fracture pattern
associated with axial torsion loading (Figure 9). Refining the finite element mesh, similar to the three-
point bending case, provided similar failure moment and fracture pattern (Appendix B) indicating the
mesh refinement was sufficient for this load case. Failure to predict the spiral fracture may be attributed
to the element erosion definition based on a plastic strain criterion and requires further investigation.

4.4 Summary of Response
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A summary of the constitutive model response for failure force and displacement to failure in
three-point bending, and failure torque and corresponding rotation, are presented by normalizing each
response to its respective average test value (Figure 12. It should be emphasized that the model utilized
average mechanical properties from the literature measured at the material level, while the whole-bone
simulation cases were compared to literature data on the three-point bending and axial torsion
response. The response ranges (Figure 12) show the predicted model response for variations in material
strength and strain to failure (+/- 1 standard deviation).

4.4 Model Limitations

Observable macro-scale fractures in bones initiate at stress concentrators, such as Haversian
canals, or in the osteon and interstitial bone [Ebacher et al., 2007], and extend due to micro crack
propagation mechanisms. Therefore, fracture studies in cortical bone have often been undertaken at
the micro-structure scale [Ascenzi et al., 2013; Demirtas et al., 2016; Feerick et al, 2013; Ural et al.,
2011]. In the current development of HBMs, however, incorporation of a detailed micro-model bone
would incur a large computation cost and is therefore not feasible at present. Bone fracture has been
simulated using the cohesive element or X-FEM approaches [Feerick et al., 2013; Ural et al., 2011;
Demirtas et al., 2016; Ascenzi et al., 2013], and the present study utilized an element deletion approach
to model failure, with initiation dependent on the maximum principal strain criterion. This method
demonstrated the capacity to model fractures well at a whole-bone level [Schileo et al., 2008; Niebur et
al., 2000]. The limitation of using the element deletion approach is a simultaneous crack initiation and
propagation occur due to the lack of damage criterion, as the element is deleted when an elemental
failure criterion is reached [Hambli et al., 2013; Hambili et al., 2012]. Therefore, the propagation
direction is based on the deleted elements of the mesh. HBMs continue to utilize the element deletion
approach; however, methods such as X-FEM may provide an important benefit in the future, despite
their current high computational cost and instability issues in more complicated geometries.

One limitation of the current study is that strain rate effects were not incorporated in the
constitutive models, because the experimental data [Funk, 2004; Kerrigan, 2003] did not indicate a
statistically significant difference in failure forces between low and high rates of loading. Although strain
rate effects have been reported for cortical bone, the literature is not in agreement in terms of the
magnitude and presence of the effect. McElhaney [1966] reported that, in compression, higher strain
rate resulted in higher stiffness, strength and modulus for embalmed human bone. A subsequent study
by Crowninshield and Pope [1974] described similar results for bovine bones in tension. In contrast,
Hansen et al. [2008] showed that rate effects did not result in higher failure strength or reduced
ductility. This finding was explained, in part, by soaking of the bone in a saline-filled water bath, which
was thought to delay the ductile to brittle bone transition. Burstein [1971] demonstrated that strain at
failure can vary with the moisture content in bone, and the method used by McElhaney [1966] to
adhere strain gauges on each specimen before testing may have induced drying of the bone
[Crowninshield and Pope, 1974]. Differences in the literature results have also been attributed to
different test methods and bones utilized in investigating rate effects [Hansen et al., 2008].
Furthermore, in a whole-bone three-point bending experiment conducted by Kerrigan et al. [2003], a
single tibia was loaded quasi-statically (1 mm/s) and failed at a force of 3549 N. The average force to
failure of the dynamic tibia tests was found to be 3578 N (SD 860 N, n=7), suggesting that the quasi-
static and dynamic load conditions produced similar results, although only one quasi-static test was
undertaken. It is well known that bone tissue exhibits viscoelastic properties [Asgharpour et al., 2014;
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Hansen et al., 2008; Sanborn et al., 2016], and therefore this effect should be considered in future
experimental and computational studies.

Existing metal plasticity models, as well as the models implemented in our study, are generally
calibrated for tensile failure and therefore often predict tensile failure models in agreement with
experimental data. Shear response is typically not predicted correctly by metal plasticity models due to
the assumption of pressure independence in the yield surface, such as the von Mises yield surface. In
this case, the shear strength is overestimated, as we have shown in the current study. Although
anisotropic models address this challenge, the current models only approximate the expected spiral
fracture pattern for torsional loading. Fracture is found to initiate in the shaft of the bone and
subsequently progresses along the length of the bone, since this is the lowest strength plane available
for the fracture (element erosion) to propagate.

One important aspect not addressed in this study was the use of average published cortical
bone material properties (average age of 53, range 20 to 86), while the whole-bone tests were from
PMHS with an average age of 59 (range 40 to 70). The mechanical properties and strengths were not
adjusted for age or other factors, such as bone mineral density, known to affect bone strength.
However, varying the strength and modulus properties in the model by one standard deviation from the
average was found to account for some of the differences between the model predictions and the
experimental results.

5. Conclusions

Assessment of constitutive models and properties requires an independent set of data with known
boundary conditions and appropriate response metrics. This was achieved in the current study using
whole femur three-point bending (force, displacement) and axial torsion (moment, rotation)
experimental data, compared to a computational femur model from a current HBM and using published
cortical bone material properties. In addition to kinetics and kinematics, failure was assessed using the
ultimate load, failure initiation location and resulting fracture pattern, providing additional insight into
model performance. Single element simulations were beneficial to verify the material model
implementation while identifying fundamental limitations such as the over prediction of shear strength
when using a von Mises yield surface assumption.

Existing isotropic metal plasticity models using cortical bone tensile properties predicted kinetics
and kinematics in agreement with three-point bending experimental data, but incorrectly predicted
bone failure to initiate at the point of load application and significantly over predicted the failure
moment for axial torsion. In simplified constitutive models, it is recommended to use tensile properties
since the tensile strength is associated with failure in three-point bending and axial torsion.

Considering material asymmetry modestly improved prediction of the three-point bending kinetics
and kinematics but resulted in unphysical predicted failure initiation of the bone at the point of load
application associated with the use of a plastic strain failure criterion. Similar to the symmetric isotropic
model, using a von Mises yield surface assumption to estimate shear properties significantly over
predicted the failure moment in axial torsion.

An orthotropic material model provided the best overall performance in terms of predicting the
ultimate load in three-point bending (6.4% difference), maximum torque in axial torsion (34.1%
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difference), the failure initiation location and fracture pattern in three-point bending, and the fracture
initiation location for axial torsion. None of the models predicted a spiral fracture pattern for axial
torsion and this should be investigated further. It was noted that the displacements to failure predicted
by the computational models were typically lower than the experimentally measured displacements.
Although varying the material properties within measured ranges explained some of this variability, it
was noted that the finite element models used idealized boundary conditions with lower compliance
compared to the experimental fixtures and this could explain the lower predicted displacement to
failure values.

Average cortical bone material properties incorporated in an orthotropic material model provided
good predictions of whole bone response and failure. Varying the material mechanical properties within
one standard deviation provided results within the range of variability of the experimental whole-bone
test data and therefore was able to explain some of the variability in the test data. The proposed cortical
bone material properties implemented in an orthotropic constitutive model presents a significant
improvement over the current modeling approaches in HBM.
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Appendix A: Material Model Responses in Single Element Simulations
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Figure A.1: Comparison of Compression-Tension Responses in Single Element Simulations for

M_ISO_SYM, M_ISO_ASYM, and M_ORTHO_SYM Models.
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Material Models Shear Response
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Appendix B: Mesh Refinement Analysis

A mesh refinement analysis was performed by splitting the elements once (1 element into 4 elements)
and then twice (1 element into 16 elements). In the bending model, the original mesh with the indenter
has 40,496 elements with an element size of 3 mm, the medium mesh (single split) has 260,768
elements with an element size of 1.5 mm, and the fine mesh (double split) has 1,999,600 elements with
an element size of 0.75 mm. In the torsion model, the original model has 34,496 elements with an
element size of 3 mm, the medium mesh (single split) has 254,768 elements with an element size of

1.5 mm and the fine mesh (double split) has 1,956,800 elements with an element size of 0.75 mm.

The analysis demonstrated that the response was consistent for three mesh sizes throughout the
loading phase. There was a slight reduction in failure load or moment as the mesh was refined;
however, the model was generally consistent due to modest stress gradients at the failure location.
Further, applying Richardson extrapolation demonstrated that the mesh was reasonably converged in
terms of force and displacement at failure. However, the finer mesh typically produced a more distinct
fracture pattern. It is acknowledged that a true convergence cannot be achieved when element erosion
is present; however, for the practical purposes of this study, all three finite element mesh sizes provided
similar results in bending (Figure B.1and Figure B.2) and torsion (Figure B.3 and Figure B.4).
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Figure B.1: Force-time history for the femur bending case and three mesh resolutions.
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Figure B.4: Fracture pattern for the femur torsion case and three mesh resolutions.
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Figure 1: Typical Fracture Patterns by Types of Loading. [Redrawn from Carter & Spengler, 1982]
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Figure 2: HBM femur extracted from the full body model with the solid elements shown and the cross-
sectional area thickness and area calculation from the femur mid-shaft
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Figure 3: Boundary Condition Set Up in A) Bending (Medio-Lateral Direction) and B) Axial Torsion.
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Figure 4: Force-displacement response in bending (average experimental response from Funk et al.
[2004] shown as solid black lines, experimental max-min range shown with dashed black lines,
experimental standard deviation range shown with dotted black lines).
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Figure 5: Predicted fracture patterns for three-point bending (arrow identifies fracture initiation).
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Figure 6: Three-point bending force (top) and displacement (bottom) at failure, varying material
strength and modulus by one standard deviation.
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Figure 7: Fracture patterns for the three investigated constitutive models and variations of the
material properties in bending.
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Figure 9: Predicted fracture patterns for axial torsion (arrow identifies fracture initiation).
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modulus by one standard deviation.
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Figure 11: Fracture patterns for the three investigated constitutive models and variations of the
material properties in torsion.
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the simulations).
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Table 1: Summary of cortical bone elastic properties for both tension-based and compression-based

models

GHBMC M50 HBM

Tension

Compression

Longitudinal Young’s

modulus (Osteon direction)

(E1), GPa (SD)
Transverse Young's

modulus (E2=E3), GPa (SD)
Shear Modulus (G23=g32),

GPa (SD)
Shear Modulus

(G13=G12=G32=G21), GPa

(SD)
Bulk Modulus (K), GPa

Poisson’s ratio (v21=v31)

Poisson’s ratio (v32)

13.5

N/A
N/A
N/A
NA
0.3

N/A

16.4 (2.11) [Reilly and
Burstein, 1974]

12.7 (2.99) [Reilly and
Burstein, 1975]

4.0 (0.4) [Tang et al.,
2015]

3.5(0.8)[Tang et al.,
2015]

10.31
0.235 [Ashman et al.,
1984]
0.376 [Ashman et al.,
1984]

17.28 (1.56) [Reilly and
Burstein, 1974]

11.7 (10.1)[Reilly and
Burstein, 1975]

4.0 (0.4) [Tang et al.,
2015]

3.5(0.8) [Tang et al.,
2015]

10.87
0.235 [Ashman et al.,
1984]
0.376 [Ashman et al.,
1984]
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Table 2: Summary of cortical bone material strength properties

GHBMC M50
HBM Tension Compression Shear
Longitudinal (Osteon)
direction
0.134 0.135 (0.016) 0.205 (0.017) [Reilly 0.029 (0.006)
Ultimate strength (GPa) [Reilly and and Burstein, 1975] [Tangetal.,
(SD) Burstein, 1975] 2015]
0.0218 0.031 (0.007) 0.0185 (0.003) [Reilly0.010 [Tang et al.,
Failure strain (-) (SD) [Reilly and and Burstein, 1975] 2015]
Burstein, 1975]
Transverse direction
N/A 0.053 (0.0107) 0.131 (0.0207) [Reilly 0.050 (0.006)
[Reilly and and Burstein, 1975] [Tangetal.,
Ultimate stress (GPa) (SD) Burstein, 1975] 2015]
N/A 0.007 (0.0014) 0.028 (0.0029) [Reilly 0.026 [Tang et al.,

Ultimate strain (SD)
Damage Parameter

Longitudinal (Osteon)
direction

D -

[Reilly and
Burstein, 1975]

14

and Burstein, 1975] 2015]

- 0.494
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Table 3: Description and summary of material models in this study

LS-DYNA Material Model [LSTC, 2016] Description Material Constitutive  Model
Properties Model Single
(Tables 2 comparison  Element
and 3) Verification
Properties
Case 1. MAT_019: Isotropic, Tension Symmetric, Symmetric,
M_ISO_SYM MAT_STRAIN_RATE_DEPENDENT_PLASTICITY symmetricin  properties isotropic isotropic
tension and tension- tension-
compression, based based
metals properties properties
plasticity
model
Case 2. MAT_124: Isotropic, Tensionand  Asymmetric, Symmetric,
M_ISO_ASYM MAT_PLASTICITY_COMPRESSION_TENSION tension- compression  isotropic isotropic
compression  properties tension- tension-
asymmetry, based based
metals properties properties
plasticity
model
Case 3. MAT_221: Anisotropic, Tension Symmetric, Symmetric,
M_ORTHO_SYM  MAT_ORTHOTROPIC_SIMPLIFIED_DAMAGE symmetric, properties orthotropic isotropic
damage- properties tension-
based failure based
model properties

Table 4: Whole-bone femur tests for model validation

3 Point Bending

Axial Torsion

Study

Number of Samples

Failure Force \

Torque

Failure

Displacement

\ Rotation

Average (SD)
Maximum
Minimum
Average (SD)
Maximum

Minimum

Funk et al. 2004
7

4294 N (0.56)
4943 N

3646 N

16.7 mm (3.38)
23.3 mm

13.0 mm

Martens et al. 1980
47

183 Nm (53.52)
286 Nm

111 Nm

20.0° (4.49)

30.7°

9.4°
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Table 5: Anthropometric data of the PMHS bone donors (Funk et al. 2004)

Specimen# Gender Age (years) Average femur length (mm)  Area (mm?)

1 M 67 481 464

2 M 59 476 501

3 M 40 486 449

4 M 55 477 411

5 M 70 445 448

6 M 69 467 469

7 M 51 499 576

8 M 66 446 459
Average 59.6 (10.5) 472.1(18.8) 472.1 (48.9)

(SD)

Highlights:

e Cortical bone material properties were assessed using a human femur FE model and whole bone
experiments.

e Material asymmetry and anisotropy were evaluated using three-point bending and torsional
load cases.

e Variations in material properties accounted for some difference between the model and
experiments.

e An orthotropic symmetric model was recommended to predicted bone response and failure.
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