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1. Introduction

The development of SAFER HBM started in 2008, when the first human body modelling
(HBM) project was initiated by members of the SAFER - Vehicle and Traffic Safety
Centre. Although the project contributors have varied over the years, the core SAFER
HBM contributors are Autoliv, Chalmers and Volvo Cars. The objective from the start
was, and stillis, to develop an “omnidirectional, tunable and scalable HBM capable of
injury risk and biofidelic kinematics prediction in high-g as well as low-g events”. Up
until 2017, the model was called SAFER THUMS, as up until that point the THUMS
version 3 model was used, with add-on active muscles (C)sth etal., 2012), and retuned
material parameters of the chest (Mendoza-Vazquez et al., 2013). As these
modifications were carried out by different researchers in different projects, two
versions were available, one version with muscle and muscle control system
implemented, referred to as active SAFER THUMS for prediction of low-G kinematics,
and a passive SAFER THUMS for kinematic predictions and injury evaluation in high-G
loading.

However, by the release of version eight in 2017, see Figure 1 (left), the model got
rebranded to SAFER HBM, to acknowledge the contributors association to SAFER. For
this version, the base model was the passive SAFER THUMS including two major
updates; the head model which was changed to the Royal Institute of Technology FE
head model (KTH model) (Kleiven, 2007), and the ribcage model, which was changed to
a new generic ribcage based on a statistical shape model representing a population
average (lraeus et al., 2020; Iraeus & Pipkorn, 2019).

Figure 1. Left to right; Version eight (2017), version nine (2018) and version 10 (2020) of the SAFER HBM. Updated
body parts for each model are colored gold. Figure from (Pipkorn et al., 2023).

With the release of version nine in 2018, the active muscles with postural feedback
controllers (Olafsdéttir et al., 2019; Osth et al., 2015; Osth et al., 2012), from the active
SAFER THUMS, were integrated into the SAFER HBM version eight, to form one base
model, see Figure 1 (middle). Parameters were introduced to turn on/off active muscles



and to define controller reference times, with the overall purpose of being able to run
pre-crash and in-crash seamlessly. The lumbar and neck muscle controllers were
further developed using spatial tuning patterns to enable biofidelic response to omni-
directional loading (Larsson et al., 2019). As the active and passive models were
merged, some soft tissue passive material properties that originally were too stiff in
low-G loading, needed to be updated (Larsson, 2020).

In 2020, SAFER HBM was updated to version 10, see Figure 1 (right). In this update the
pelvis was changed to a new FE-model based on the average shape of a male occupant
from a statistical shape model (Brynskog et al., 2021). The KTH head and brain model
was updated with a brain stem. In addition, updates to the lower arms, lower legs, and
torso subcutaneous soft tissues were introduced to refine the mesh and create a
continuous mesh over the shoulder and hip joints. The geometry for these updates were
based on a statistical shape model predicting an average male outer shape (Reed &
Ebert, 2013). Finally, the skeletal bones of the lower arm (Bayat & Pongpairote, 2020),
and the lower leg (Roberts, 2020) were updated. The new lower arm was meshed to fit
the SAFER HBM geometry, while the lower leg was originally developed to represent an
average female and was scaled to fit the SAFER HBM average male anthropometry.

The SAFER HBM base model represents a 45-year-old average sized male (1750 mm
and 77kg) according to the definitions in (Schneider, 1983).

The model validation and associated injury risk functions for SAFER HBM have
continuously been reported in open literature. Some of the early validation work is now
obsolete, as new body parts have been introduced, and no references to these will be
made here. The head and brain model are validated for intracranial pressure as well as
for frontal, occipital and lateral impacts (Kleiven, 2006; Kleiven & Hardy, 2002; Kleiven &
Von Holst, 2002a, 2002b) and have an injury risk function based on NFL head impact
reconstructions (Fahlstedt et al., 2022; Kleiven, 2007). The ribcage has been validated
for kinetics, kinematics and rib strain (Iraeus & Pipkorn, 2019) with the strain-based
injury risk function validated on multiple scales, from isolated ribs to whole body
subjected to belt loads in a sled setup (Pipkorn et al., 2019). The most recent rib
fracture injury risk function with re-validation of SAFER HBM is found in (Larsson et al.,
2021). The validation of the lower arm including risk estimation is found in (Bayat &
Pongpairote, 2020).

The latest version of SAFER HBM, version 11 presented in this report, was developed to
be a stand-alone model, free from proprietary data from the original THUMS model,
with special focus on injury prediction for reclined occupants in front crashes.

The objective of this reportis to describe the SAFER HBM updates from version 10 to
version 11, and the additional validation that has been carried out, and is summarized,
in a validation repository.



2.Model updates

From version 10 to version 11 several updates have been introduced. Some updates
were introduced to replace third party proprietary information (from the original THUMS
model), while others were to improve the biofidelity. Specifically, the following updates
were included:

e Updates to the pelvis to improve the overall biofidelity and specifically to
improve prediction of submarining.

e Updates to the femur to prepare the model for tissue-based injury risk
assessmentin these bones.

e Updates to the lumbar spine to improve overall biofidelity, and to enable
prediction of compression fracture in the lumbar spine vertebrae bodies.

e Update to the thoracic and cervical spine to make the spine modelling
consistent for the whole spine (based on the modelling of the lumbar spine),
improve the overall biofidelity, and prepare the model for future updates,
including fracture prediction also for the thoracic and cervical spine.

e Updates to the clavicula, scapula and humerus to prepare the model for tissue-
based injury risk assessment in these bones.

e Updates to the costovertebral joints to connect the updated spine to the ribs.

e Updates to the soft tissues to improve overall biofidelity and numerical
robustness, remove proprietary information, and specifically to improve the
prediction of submarining.

e Update of the discrete muscle elements (mainly for the back) to improve
biofidelity and to facilitate that flexors and extensors have the correct function
even when the spine curvature changes.

e Finally, the whole model was renumbered, and fitted into a smaller number
range, to enable the use of several SAFER HBMs in one vehicle model, while
keeping the total HBM numbering within 10M range.

Each of these updates will be described in detail in the sections below.

Generally, where the mesh was updated, the minimum element size was based on a
target time step of 0.5 pys in explicit FE solvers. Also, generally, reduced integration solid
elements (LS-DYNA type 1) are used for modelling trabecular bones, full integration
shell elements (LS-DYNA type 16) for modelling cortical bones, and full integration solid
elements (LS-DYNA type -2) are used to model soft tissue. Deviations from this will be
presented below. All elements of the model conform with the 100% quality criteria
defined in Appendix A.

2.1. Updates to the Pelvis

The pelvis was updated to improve overall biofidelity, allow for population-based
variations in pelvis shape through morphing, prepare it for future fracture predictions
with strain-based injury risk functions (IRFs), and to improve submarining prediction.
The updates have been described in detail in (Brynskog et al., 2022, 2024a). In
summary, a new mesh was built based on the average pelvis shape of 132 subjects (75
females and 57 males) (Brynskog et al., 2021), see Figure 2. The cortical bone was
modelled using quadrilateral shell elements on the surface of the trabecular bone,



which was modelled using hexahedral solid elements generated by ANSA (Beta CAE
Systems, Switzerland) hexa blocks. The thickness of the innominate bone cortical
shells was taken from the average subject found from 10 controls (5 male, 5 female)
and had a thickness range of 0.5 - 5.0 mm (Harris et al., 2012). The sacrum cortical
thickness was set at a constant value of 1.3 mm for the entire sacrum (Peretz et al.,
1998; Richards et al., 2010), since more detailed data was not available. For the elastic-
plastic isotropic material properties of the cortical bone, Young’s modulus 10.96 GPa
and yield stress 57.5 MPa were used, based on (Kemper et al., 2008), while the elastic-
perfect plastic isotropic material properties for the trabecular bone used Young’s
modulus 0.07 GPa and yield stress 0.57MPa, based on (Dalstra & Huiskes, 1995).

y o i
Figure 2. The new pelvis model of the average pelvis shape. The top row shows a front and lateral view of the model
while the bottom row shows the FE-mesh at key cross-sections (iliac wing (left), pubic bones (middle), acetabulum

(right)).

The pubis symphysis (PS) joint was modelled as a solid disc, using fully integrated (LS-
DYNA type 2) hexahedral elements, with ligaments covering its surface, using fully
integrated (LS-DYNA type 16) quadrilateral elements, Figure 3. The thickness of the
ligaments was uniformly set to 1 mm while the average thickness at its anterior, middle,
and posterior side was defined to match reported averages (Alicioglu et al., 2008).
Lacking well-defined material data for the disc and ligaments individually, the joint was
modelled using a rubber material model with stress-strain response calibrated against
component tests by (Dakin et al., 2001), to match the average tension/compression
response. For the response after tuning see Section 3.1.



Figure 3. Pubis symphysis joint FE-model.

The sacroiliac (SI) joint was modelled as a synovial region, representing cartilage, and
the anterior, posterior, and interosseous Sl ligaments, Figure 4. The synovial region was
modeled with fully integrated solid elements (LS-DYNA type 2) with a surface area
based on (Casaroli et al., 2020), and a thickness ranging from 2.5-4.5 mm. On the
sacral side, the elements were connected by sharing nodes with the cortical surface,
while a friction contact was defined towards the innominate bone. Lacking material
data, the same cartilage material as was calibrated for the PS disc was used also for
the synovial elements. Dimensions for the ligaments were based on average origin area
in (Steinke et al., 2010), Table 1, with the anterior and posterior ligaments represented
by crossing cable elements while the interosseous ligament was modelled as fully
integrated solid elements (LS-DYNA type -2). In addition, the sacrotuberous and the
sacrospinous ligaments, spanning from the innominate bone to the sacrum, were
modelled by straight cable elements with approximate dimensions from (Hammer et
al., 2009), Figure 5 and Table 1. Lacking alternative material data, the ligaments were
modelled based on the calibrated material properties presented by (lvanov et al., 2009),
and the complete Sl stiffness response was evaluated against component tests by
(Miller et al., 1987), see Section 3.1.

Table 1. Ligament dimensions.

Ligament | Average area Reference No. elements in Area in FE-model
model
ASL 130 mm? (Steinke et al., 2010) 60 (per side) 2.17 mm?/cable
PSL 151 mm? Steinke et al., 2010) 57 (per side) 2.65 mm?/cable
ISL 724.5 mm? Steinke et al., 2010) Solids 760 mm? total
STL 42.2 mm? (Hammer et al., 2009) 18 (per side) 2.34 mm?/cable
SSL 30.6 mm? (Hammer et al., 2009) 24 (per side) 1.275 mm?/cable




Figure 4. Sacroiliac joint FE-model. Synovial region (top), anterior ligaments (middle, left), posterior lj
(middle, right), and interosseous ligaments (bottom).

aments

Figure 5. Sacrotuberous ligaments (left) and sacrospinous ligaments (right).



The pelvis FE-model is linked with a statistical shape model (Brynskog et al., 2021),
allowing for mesh morphing to a population of vehicle occupants, see (Brynskog et al.,
2022). For SAFER HBM, the pelvis of an average male (age = 45 years, stature = 1750
mm, weight = 77 kg) was predicted, see Figure 6. Since the shape modelis built on
complete pelvises, the predicted shape is not perfectly symmetric. To have a
symmetric baseline, the average of the left/right prediction was computed and mirrored
before aligning the mid-plane with the sagittal plane at Y=0. When integrating the pelvis
into the full-body SAFER HBM, the pelvis was positioned to have a pelvis angle of 45°,
matching the reported average from (Izumiyama et al., 2018).

Figure 6. The FE-model morphed to an average male (45 years, 175 cm, 77 kg using the statistical shape model
prediction.

2.2. Updates to the Femur

The femur model was updated to enable tissue-based injury criteria in the future and
has previously been presented in (Svensson, 2022). The geometry was based on a
scaled geometry (+10% in all directions, to fit to the SAFER HBM dimensions) of an
average sized female (Gayzik et al., 2011). An all-hexahedral mesh was created using
the ANSA hexa block strategy. The element size for the new mesh was biased towards
the smallest size, without getting excessive mass scaling for the targeted HBM time
step. The cortical bone of the femur was modelled using solid elements. Two elements

through the thickness at the shaft, and one element over the thickness at the distal and
proximal ends, see Figure 7.

Figure 7. The updated mesh of the femur. The gray elements represent the cortical bone and the beige elements the
trabecular bone.



The thickness of the cortical bone in the shaft was based on (Someya et al., 2020), with
the proximal end based on (Malo et al., 2013) and the distal end based on (Du et al.,
2018). The resulting thickness distribution is presented in Figure 8. The material
properties of the cortical bone were modelled according to data from (Bayraktar et al.,
2004), using an isotropic elastic-perfect plastic material model with Young’s modulus
19.9 GPa and yield stress 108 MPa. The material property of the trabecular bone was
modelled using an isotropic linear elastic material model with Young’s modulus of 0.2
GPa, according to (Martin et al., 1998).
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Figure 8. The thickness distribution of the femur model displayed from; (a) anterior, (b) medial, (c) posterior, and (d)

lateral sides. The fringe is displayed in millimeters (with a maximum thickness of 8 mm and a minimum thickness of
about 0.5 mm. From (Svensson, 2022).

The femur model dimensions were verified to measurements of 62 male subjects (Klein
et al., 2015). The average overall length in the Klein et al. study was 481mm, compared
to the 473mm length of the femur model. In Figure 9 the model cross-section (total and
cortical bone) is compared to data from the same study, showing that the modelis
within the subject variability (and close to the average), except for the cortical cross-
sectional area at measurement location 5 (which is located 25% from the distal end).
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Figure 9. Verification of femur cross sectional area. The upper results correspond to the total cross-sectional area,
while the lower corresponds to the cortical bone cross sectional area. Blue curves are the average values from (Klein
etal., 2015), while red are the min/max values. The black curves represent the cross-sectional properties for the
model.

2.3. Updates to the Lumbar Spine

The lumbar spine was updated with the aim of predicting compression fractures, using
a tissue-based fracture criterion. The updates to the lumbar spine have been described
in detailin (Iraeus et al., 2023). In summary, a new mesh was created based on a
geometry of an average sized female (Gayzik et al., 2011). An exemplary mesh of the L4-
L5 mesh can be seen in Figure 10. The mesh pattern was laid out to give nodal
connectivity between the vertebrae bodies and the discs. The vertebrae cortical bone
was modelled using quadrilateral shell elements, and the trabecular bone using
hexahedral solid elements, using ANSA hexa blocks. The thicknesses of the cortical
shells were based on (Edwards et al., 2001), and ranges between 0.51 and 0.82 mm.
The orthotropic material parameters for the cortical bone were based on (Khor et al.,
2018), while the anisotropic material parameters (with the inferior-superior being the
main material direction) for the trabecular bone were based on (Kopperdahl et al.,
2002; Ulrich et al., 1999).

The disc nucleus and annulus ground substance were modelled using solid elements
(LS-DYNA type 1 with HG formulation 5), while the annulus fiber layers each are
modelled using two layers of shell elements (with coincident nodes and with fiber
angles in plus/minus directions). The material properties of the annulus ground
substance were based on (Panzer & Cronin, 2009). The fiber angles and membrane
thicknesses, which vary through the thickness of the annulus, were based on (Alonso &
Hart, 2014; Cassidy et al., 1989). The material properties for the fibers were based on
(Cassidy et al., 1989; Holzapfel et al., 2005). The ligaments, seen as red lines in Figure
10, were modelled using beam elements, with physical properties defined using force-
elongation properties from (Chazal et al., 1985; Mattucci & Cronin, 2015; Nolte et al.,
1990).



Figure 10. Exemplar mesh of the L4-L5 FSU. To the left a sagittal cross section of the vertebras and the disc is seen
and to the right a vertical cross section through the disc. Half of the disc is shown with solid elements representing
the nucleus and the annulus base matrix, and half of the disc with only the annulus fibers represented with shell
elements. The removal of solid elements is only for illustration purposes in the figure. From (Iraeus et al., 2023).

Unknown properties were the unstretched length of the ligaments (or what spine
curvature that corresponds to unstretched ligaments) and the mechanical properties of
the nucleus. For the nucleus, the material parameters for an Ogden material model
were tuned to match disc compression and tension experiments (Asano et al., 1992;
Jamison et al., 2013; Marini et al., 2016; Markolf & Morris, 1974), see Section 3.3. Using
published FSU bending tests (in flexion, lateral and torsion) (Heuer et al., 2007;
Jaramillo et al., 2016), where the ligaments were removed in a stepwise manner, the
contribution of and initial slack of each ligament could be quantified. To account for the
initial slack, a parameter (LUMB_FLEX) was introduced in the model. Setting this
parameter to 0 corresponds to a straight initial spine curvature, like an occupant seated
in a normal vehicle seat. Setting it to -1 corresponds to a standing person (with a neutral
lumbar spine).

The iliolumbar ligaments, located between L5 and the pelvis/sacrum were added. As no
mechanical properties for these ligaments could be found in literature, these properties
had to be tuned using biological experiments performed by (Yamamoto et al., 1990). For
the response, see Section 3.3.

A tissue-based fracture criteria was developed for vertebral bodies. Several simulation
output metrics (like stress and strain) were analyzed, and the one that best captured
the compressive fractures without giving false positives e.g. during tensile loading of
the spine, was the peak (over time) local inferior-superior strain measured in the
trabecular part of the vertebrae body. 124 FSU tests from five PMHS test series
(Brinckmann et al., 1989; Duma et al., 2006; Granhed et al., 1989; Hutton & Adams,
1982; Tushak et al., 2022) were reproduced with (scaled) simulation models
representing the same FSUs. For each simulation, the peak strain was extracted at the
time of fracture (in the physical test). Next, survival analysis according to (ISO/TR
12350:2013, 2013) was conducted to find the risk function that best fitted the data. The
proposed injury risk function can be seen in Figure 11.
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Table Il
DISTRIBUTION AND PARAMETERS FOR THE INJURY RISK FUNCTION RECOMMENDED FOR THE NEW LUMBAR SPINE MODEL
Injury risk Injury criteria Distribution ﬁl ﬁz Coefage
Fracture Strain Log-normal -2.833 -0.885 -0.0149

Figure 11. The proposed IRF to be used with the lumbar spine. From (Iraeus et al., 2023).

The injury risk function has age as a covariate and is plotted for three different ages in
Figure 12.
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Figure 12. Proposed IRF to be used together with the updated lumbar spine model. Plotted for ages 25, 50, and 75
years of age. From (Iraeus et al., 2023).

The final step was to scale and morph the lumbar spine to fit the SAFER HBM. In this
work the lumbar spine curvature from SAFER HBM version 10 was kept (which is close
to the specifications from (Schneider 1983). The scaling of the lumbar spine (vertebras
and discs were given the same scaling) was based on the average geometrical
differences between female and male lumbar spine vertebras (Scoles et al., 1988; Zhou
et al., 2000). The scaling factor in the inferior-superior direction was 1.02, while 1.11 in
the other two directions. The lumbar lordosis (LL) in the final model was measured to
8.9°. This can be compared to a seated reference sample (Nishida et al., 2020), where
the average LL was 1°. However, the reference data set showed a bimodal distribution
(where almost no individual had a LL close to the average), and one group with “S-
shaped” spine had an average LL around 8°. The LL was thus judged to be biofidelic.



2.4. Updates to the Cervical and Thoracic Spine

The thoracic and cervical spine were updated to make the spine modelling consistent
for the whole spine (based on the modelling of the lumbar spine), but also to improve
the overall biofidelity, and prepare the model for future updates, including fracture
prediction also for the thoracic and cervical spine.

The updated thoracic and cervical spine model are based on the same average sized
female geometry as the lumbar spine (Gayzik et al., 2011). The mesh strategy involves
using a pure hexahedral solid (for the inner trabecular bone) and quadrilateral shell (for
the outer cortical bone) mesh and using nodal connectivity to connect the vertebrae
and discs, see Figure 13 (left sub figure). The end plate mesh pattern defined in the
lumbar spine was consistent all the way up to T1. As the cervical vertebrae are
considerably smaller than the lumbar and thoracic vertebrae, a new mesh pattern was
used for the cervical spine, meaning that the connection between T1 and the lower
edge of the T1 to C7 disc had to be modelled using a tied contact (LS-DYNA
*CONTACT_TIED_EDGE_TO_SOLID_BEAM_OFFSET). The upper cervical vertebrae, that
have different overall shape compared to the lower vertebrae, were also modelled
using ANSA hexa blocks, see Figure 13 (right subfigure).

Figure 13. Left subfigure: Modelling strategy for thoracic and cervical spine shown for an FSU. Right subfigure: A
closeup of the ANSA hexa block mesh strategy exemplified on the C1 vertebrae (half of the vertebrae removed to
highlight the inner structure).

The thickness for the cortical shells for the cervical vertebrae (constant 0.28 mm) were
based on (Ritzel et al., 1997), while the thicknesses for the thoracic vertebrae were
based on (Edwards et al., 2001). The material properties for the thoracic spine are the
same as for the lumbar spine, while the material properties for the cervical spine were
based on; cortical bone (Reilly & Burstein, 1975), trabecular bone (Kopperdahl &
Keaveny, 1998) with mineral density from (Yoganandan et al., 2006), and endplates (Wu
et al., 2021).

The modelling of the intervertebral discs followed the same strategy as for the lumbar
spine. The material properties for the thoracic part were based on the modelling of the
lumbar spine, while the material properties for the cervical spine follows (Osth et al.,
2016), except the nucleus which also for the cervical spine was based on the material
properties used for the lumbar spine. The ratio of the area of nucleus pulposus to



anulus fibrosus was adjusted to be in the range of 40-50% in accordance with (Newell
et al., 2017) based on the superior endplate surface area.

The ligaments for the thoracic spine were also modelled like the lumbar spine
ligaments. The ligaments for the lower cervical spine were modelled using material data
reported by (Mattucci & Cronin, 2015), ligament lengths and cross-sectional areas
based on (Yoganandan et al., 2000), and insertion and origin points on anatomical
descriptions by (Panjabi, Oxland, et al., 1991). The ligaments for the upper cervical
spine were modelled based on data from (Mattucci et al., 2013), processed according
to (Osth et al., 2016). All cervical ligaments except the tectorial membrane and the
transverse ligaments, were modelled using beam elements. The two latter were
modelled using membrane elements, to better capture the wrapping around the dens
of C2.

Next the updated thoracic and cervical spine (based on an average female geometry)
was scaled to fit into the SAFER HBM geometry. In this process, the transition from
thoracic to cervical spine at the T1-C7 was kept constant (for the thoracic vertebrae to
fit to the posterior end of the ribs), giving an additional constraint to the superior-inferior
scaling. For the thoracic spine the scaling was based on a statistical shape model of
the thoracic spine (Lian et al., 2023). This gave a superior-inferior scaling factor of 1.060
and a horizontal scaling factor of 1.140. The scaling for the cervical spine was done to fit
the spine inside the SAFER HBM and resulted in a superior-inferior scale factor of 1.097
which was also used for horizontal scaling. The scaled dimensions were also cross
checked to other published data (Busscher et al., 2010; Panjabi, Takata, et al., 1991).
Finally, the scaled spine was morphed to fit the original curvature of the SAFER HBM.

2.5. Updates to the Clavicula, Scapula and Humerus

The updates to the clavicula, scapula and humerus were done to prepare these bones
for tissue-based injury risk assessment. The mesh was created based on the same
average sized female geometry as was used for other body parts in this report (Gayzik et
al., 2011). Also, like the other bones an ANSA hexa block mesh strategy was adopted to
ensure high quality, all hexahedral elements. However, as the cortical bones of these
three bones are generally thicker than for example the thinnest part of the pelvis and
the ribs, also the cortical bones were modelled using solid elements. One layer of solid
elements was used to represent the cortical bone everywhere, see Figure 14 and Figure
16, except for the humerus shaft, that has thicker cortical bone. Here, two layers of
solid elements were used for the cortical bone, see Figure 15. While the middle part of
the humerus shaft does not contain any trabecular bone (contains bone marrow
instead), also this part was filled with solid elements with trabecular bone properties.
As the scapula is very thin for most parts of the fossa, it was hypothesized that this part
only consists of cortical bone. Trabecular bone was thus only modelled at the bulkier
inferior-lateral edge of the main fossa, partly seen in Figure 16, and at the inner part of
the also bulkier scapulae spine.

The material properties for the cortical bones (all three bones) were based on data for
wet humeral bone (Nahum & Melvin, 2012), modelled using an isotropic elastic-
perfectly plastic material with the Young’s modulus set to 17.2 GPa, and the yield



stress to 123 MPa. The material properties for the trabecular bone were based on
indentation test of the distal humerus presented in (Dunham et al., 2005). Also, the
trabecular bone was modelled by using an isotropic elastic-perfect plastic material
model, with Young’s modulus of 0.31 GPa, and yield stress of 4.4 MPa.

Figure 14. The mesh of the clavicula, left lateral end and right medial end. The blue lines are the edges of the ANSA
hexa blocks.

Figure 15. The mesh of the humerus (left) distal end and (right) proximal end. The blue lines are the edges of the ANSA
hexa blocks.

Figure 16. The mesh of the scapula. Left the main part of the scapula (infraspinousus and subscapular fossa), middle
the acromion, and right the coracoid process and glenoid cavity. The blue lines are the edges of the ANSA hexa
blocks.



To adapt the bones to fit the SAFER HBM, geometry scaling was used. First volumetric
scaling using a scaling factor of 1.09 was used for all three bones. This factor roughly
corresponds to the ratio of average male to average female stature. Per definition of
volumetric scaling (of solid elements) this procedure scales both the length, cross
section and thickness of the cortical bone. No more scaling was done to the scapula,
as suitable references were not found to further enhance this scaling.

However, to fit the other two bones into the SAFER HBM, the length of the clavicle and
humerus had to be changed (to fit to the already existing body structures). This was
done by morphing the shaft regions of these two bones, along the longitudinal axes.
This procedure changes the overall length but did not change the cross section or
cortical thickness.

The clavicle in the final model measures 167 mm (measured as the length of the long
side of a box enclosing the clavicula). This is within one standard deviation (161.9 £ 10.4
mm) of the average length of a dataset (n = 20) measuring subjects with an average
stature of 175 mm (Lu & Untaroiu, 2013). The same dataset was also used to verify the
cross-sectional area after scaling, which is presented in Figure 17. All along the clavicle,
except for two points close to the lateral end, the clavicle model falls within the 1 SD
range of the measured data.
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Figure 17. Verification of clavicle cortical bone area to (Lu & Untaroiu, 2013). The blue and red lines correspond to the
average and standard deviation of the physical measurements, while the black line represents the clavicle model
after scaling.

The humerus in the final model measures 350 mm. However, it is compared to
published results using another measurement “biomechanical length” (BML), which
according to (Drew et al., 2019) is defined as “distance along the Z-axis between the
humeral head center and the mid-point of the distal cylindrical axis”. The Drew et al
study included pairs of humeri from 43 male donors of unknown stature. The BML
length in the model is 317 mm, which is within 1 SD of the reported length for males
298.3 £ 24.5 mm in the aforementioned study. The same study also reported average



cortical thickness at five locations along the bone. The average humeral cortical
thickness in the model is compared to the Drew et al. data in Figure 18. The cortical
thickness in the model is within the 1 SD corridor for the whole shaft length.
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Figure 18. Average cortical thickness for the humerus, compared to (Drew et al., 2019). The blue and red lines
correspond to the average and standard deviation of the physical measurements, while the black line represents the
clavicle model after scaling.

2.6. Updates to the Costovertebral joints

The costovertebral joints were updated to connect the updated thoracic spine to the
ribs. The costovertebral joints were updated by first creating and tuning a prototype
joint atrib level 6. The joint modelling loosely follows the procedure outlined in (Aira et
al., 2019).

First, the posterior end of the rib was locally morphed to fit the shape of the vertebrae
transverse process, see Figure 19 (right). Next, ligaments were modelled between
already existing nodes according to Figure 19 (left). For the radial ligament (CRL) eleven
beam elements with a total area of 46 mm? were added, see Table 2. Similarly, for the
Intraarticular (CIAL)/Transverse superior (CTSL)/Transverse (CTL)/Lateral Transverse
(CLTL) ligaments 2/4/12/3 beam elements with a total area of 3.2/19.0/42.0/10.2 mm?
were added. As no literature data was available on the material properties for these
ligaments, material parameters (assumed to be a bilinear response like many other
ligaments) were tuned based on experiments performed by (Duprey et al., 2010). The
resulting material parameters can be seen in Table 2, and the tuned stiffness of the joint
in Section 3.6.

Table 2. Cross sectional geometry and material properties for the costovertebral joints.

Tot area Etoe E toe Eiin
NEL [mm2] [-] [GPa] [GPa]

Radial ligament 11 46.4 0.049 0.02 1.12
Intraarticualar ligament 2 3.2 0.049 0.02 1.12
Transverse superior ligament 4 19.0 0.085 0.05 1.44
Transverse ligament 10 42.0 0.085 0.05 1.44
Lateral ligament 3 10.2 0.085 0.05 1.44




Figure 19. The updated costovertebral joint consists of five ligaments per rib, red=radial ligament,
purple=intraarticular ligament, blue=transverse superior ligament, , and green=lateral
transverse ligament. The posterior rib ends were morphed to fit closely to the vertebrae transverse processes.

The modelling strategy for rib level 6 was copied to all costovertebral joint locations,
see Figure 20 (left). All joints except for levels 1, 11 and 12 were modelled identical. For
levels 1, 11 and 12 the Transversal Super Ligament (TSL) was removed, and the Radial

Ligament (RAL) was only connected to the ego (corresponding to the samerib level)
vertebra, see Figure 20 (mid and right).

Figure 20. The complete thoracic spine updated according to the prototype joint defined in Figure 19. T1, T11 and T12
had to be modelled slightly differently. For these ligaments the Transversal Superior Ligament (TSL) was removed,
and the Radial Ligaments (RAL) was only connected to the ego vertebrae.

2.7. Updates to the Soft tissues

The soft tissue was updated to enhance mesh quality, improve overall biofidelity, to
allow for population-based variations in BMI through morphing, and specifically for the
hip to improve submarining prediction. The updates to the soft tissues, from the rib
level twelve down to the knee, have been described in detail in (Brynskog et al., 2024a).
In summary, the target surface for the new geometry of the skin, covering the hip and
thighs of the SAFER HBM, was based on the HumanShape™ (www.humanshape.org)
data (Park et al., 2022), downloaded on 22 August 2022. An outer contour of a target



male subject was collected in a seated posture with anthropometric variables set to the
baseline for the SAFER HBM (age = 45 years, stature = 1750 mm, weight = 77 kg), and a
sitting height to stature (SHS) ratio = 0.52). The surface was then aligned by matching
the human shape H-point with the H-point of the SAFER HBM. However, due to how the
outer skin data was collected, some modifications were made to the surface. These
include aligning the leg position, shaping the buttock to represent an unloaded subject
(since the scans were made on arigid seat), and adding an abdomen fold in the
abdomen-thigh transition (since this was smoothed by the mesh fitting algorithm in the
HumanShape™data), see (Brynskog et al., 2024a). Using the outer skin surface, hexa
blocks were constructed in ANSA to generate a full hexa mesh of the soft tissues
surrounding the hips and thighs.

To have a computationally efficient model, the SAFER HBM does not target models of
individual 3-D muscles. Instead, fat and muscle material properties were separately
assigned to volumes of the soft tissue mesh that approximates the fat/muscle
distribution, defined based on anatomical textbooks, see Figure 21. The muscle
volumes considered include the gluteal muscles, the inferior aspect of the erector
spinae, and the thigh muscles. The fat material was implemented as an Ogden model
using reported parameters for average fat stiffness (Naseri, 2022) while the muscles
material utilized a stiff fat representation (Naseri, 2022), lacking a robust material
model validated from muscle tissue in relevant loading scenarios.

B P
Figure 21. Fat (beige) / muscle (red) distribution around the thigh and buttocks. The apparent voids seen in the figure
are filled with fat tissue elements.



The thigh muscle elements adjacent to the femur surface have been tied all along the
femur shaft, while the elements representing the hip muscles have been connected to
the pelvis model at areas approximately matching their origin/insertion. The pelvis-to-
hip muscle connection was achieved by extruding a one element thick solid layer which
shares nodes with the skeleton on one side and was surface aligned and tied to the
muscle elements using a contact (*TIED_NODES_TO_SURFACE_OFFSET in LS-DYNA)
on the other side, see Figure 22. The muscle attachment elements were given material
properties based on high-speed tension tests on human thigh muscles (Zhai et al.,
2019).

Figure 22. Muscle attachment elements for the pelvis.

Similarly, the soft tissues around the lumbar spine was morphed to give a shug fit to the
updated lumbar spine, and the abdominal insert (representing abdominal organs) were
attached to the anterior aspect of the vertebras, see Figure 23, using a combination of

extruded solid elements and a tied contact (*CONTACT_TIED_NODES_TO_SURFACE_OFFSET in

LS-DYNA), similar to above. The material parameters for the solids were based on (Zhai
etal., 2019).

Figure 23. The anterior part of the lumbar spine (L2 to L5) was connected to the abdominal insert using one row of
elements, offset from the lumbar spine, and tied to the abdominal insert using a tied contact.

Also, for the cervical and thoracic spine, the surrounding soft tissues were locally
morphed to give a snug fit around the updated spine, and all discrete muscle elements



were reattached, see Figure 24. The thoracic spine was connected to the internal organs
using the same modelling strategy as shown for the lumbar spine in Figure 23.

Figure 24. The new cervical and thoracic spine integrated into the SAFER HBM. The visibility of the discrete muscle
elements attached at various vertebrae is turned off to make the figure clearer. Please note the coordinate system in
each vertebra, used to define the local material axes for the anisotropic trabecular bone.

One exception to the muscle modeling strategy described above was made by the
introduction of an explicitly modeled abdomen muscle wall, connecting the ribcage
with the pubis rami and the iliac crest, see Figure 25. The geometry for the muscle wall
was created by projecting the HumanShape™ skin surface using subcutaneous adipose
tissue (SAT) thickness data (Holcombe & Wang, 2014) and targeting an average male
rectus abdominus muscle thickness of ~10 mm and a lateral abdominal thickness of
~18 mm (Tahan et al., 2016). A full hexa/quad mesh was then generated using hexa
blocks in ANSA. The solid elements were modelled as constant stress solids (ELFORM =
1in LS-DYNA) with material properties from a stiff fat model (Naseri, 2022).

A no-separation sliding-only contact (*AUTOMATIC_SURFACE_TO_SURFACE_TIEBREAK with
OPTION =4 in LS-DYNA) was modeled between the abdomen muscle wall and the
abdomen subcutaneous fat on one side, and between the abdomen muscle wall and
the abdominal cavity volumes, on the other side. This was implemented to replicate
fascia, connecting the muscle and fat but allowing relative movement.
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Figure 25. New abdomen muscle wall (red) connecting the pelvis and the ribcage.

To fill the new abdomen/pelvic cavity, and improve the overall mesh quality, the lower
abdomen and pelvic cavity volumes were re-meshed, see Figure 26. To couple the
meshed volumes with each other, the no-separation sliding-only contact was also
implemented between the lower abdomen and pelvic volumes. The material properties
of these volumes were also updated to the stiff fat model (Naseri, 2022).

Figure 26. Re-meshed lower abdominal cavity volume (left) and pelvic cavity volume (right).

For the upper abdominal cavity and the lungs, the mesh was adequate, and only the
material was updated. The material model for the lungs were changed to
*MAT_LOW_DENSITY_FOAM with parameters according to (Rater, 2013), see Figure 27
(right). The upper abdominal cavity material was changed to the stiff form of fat tissue
according to (Naseri, 2022), see Figure 27 (left).



Figure 27. The upper abdominal cavity (left) and the lungs (right) were given new material models.

To close the inferior opening of the bony pelvis model, the pelvic floor was modelled
using fully integrated shell elements, where the shells bridge the pubis, ischial spine,
coccyx, and sacrum, see Figure 28. Since the pelvic floor acts as a support for the pelvic
organs, the shells were tied (*TIED_NODES_TO_SURFACE_OFFSET in LS-DYNA) to the bottom
nodes of the pelvic cavity volume. The average thickness of puborectalis and
iliococcygeus has been estimated at 5.9 mm in men (Stansfield et al., 2023) and was
used for all pelvic floor elements. A linear elastic material model with an elastic
stiffness of 1 MPa was estimated from the high-speed muscle tension tests by (Zhai et
al., 2019).

Figure 28. Shell representation of pelvic floor muscle from superior view (left) and inferior view (right).

In addition, the soft tissues of the lower leg were remodeled, with the inner surface
based on the lower leg bones introduced in SAFER HBM v10. Here, the soft tissue was
not separated into fat and muscle tissue (as for the upper leg), see Figure 29 (left). The
soft tissue mesh can be seen as a sleeve around the tibia, fibula and the bones of the



foot, and the nodes are tied to the bones using
(*TIED_SHELL_EDGE_TO_SURFACE_BEAM_OFFSET in LS-DYNA). The material
parameters for the lower leg were based on (Hedenstierna, 2008), while the soft tissue
of the foot was based on the stiff form of adipose tissue in (Naseri, 2022).

The soft tissues of the lower arm were also updated, see Figure 29 (right). As the ulna
and radius can move relative each other during pronation and supination, the mesh
pattern was outlined “twisted”, to follow the two bones (as positioned in the base
model). Like other body regions, the soft tissue mesh of the lower arm was attached to
the bones, to the hand and to the upper arm, using tied contacts
(*TIED_SHELL_EDGE_TO_SURFACE_BEAM_OFFSET in LS-DYNA). The material
parameters for the lower arm were also based on (Hedenstierna, 2008).

Figure 29. New soft tissue meshes of the lower leg (left), and the lower arm (right). Red elements represent muscle
tissue and white elements fat tissue.

2.8. Update of the Muscle Elements

The scapulae of the SAFER HBM are held in place on the thorax by several one-
dimensional elements representing the rhomboideus, the serratus anterior, and the
lower parts of the trapezius, see Figure 30. These were modelled using
*ELEMENT_DISCRETE and *MAT_SPRING_MUSCLE in SAFER HBM version 10, which requires
the initial length of the muscle (Lo) to be known prior to simulation. This creates issues
when repositioning and morphing the model, as the L, must be updated manually to
match the updated length of the muscle. For SAFER HBM version 11, all
*MAT_SPRING_MUSCLE elements and their colinear damping elements were converted to
*MAT_MUSCLE with parameters identified such that equivalent element properties were
achieved.



Figure 30. Muscles that were updated from *ELEMENT _DISCRETE to *ELEMENT_BEAM and *MAT_MUSCLE for SAFER HBM v11.

To make the muscle routing of the muscles used by the active HBM feedback control
more biofidelic, six cervical spine muscles and two lumbar paravertebral muscles were
rerouted using soft tissue or skeletal via points. For the cervical spine, Figure 31, the
sternocleidomastoid, the trapezius, the levator scapulae, the splenius capitis, the
splenius cervicis and the erector spinae longissimus capitis muscles span the whole
length of the cervical spine was rerouted through the soft tissue mesh using the
keyword *PART_AVERAGED. These updates have previously been reported in (Larsson
etal., 2023).

Figure 31. Left: cervical muscles before rerouting (SAFER HBM v10). Right: cervical muscles after rerouting of the
trapezius, levator scapulae, splenius capitis, splenius cervicis and erector spinae longissimus capitis muscles (blue)
for SAFER HBM v11.



For the lumbar spine the fascicles of the erector spinae spanning from the pelvis to the
rib cage were re-routed using via points on the ribs, see Figure 32.

Figure 32. Left: lumbar paravertebral muscles before rerouting (SAFER HBM v10). Right: lumbar paravertebral
muscles (blue) after rerouting of the erector spinae longissimus for SAFER HBM v11.

2.9. Model renumbering

The whole model was renumbered, and fitted into a smaller number range, to enable
the use of several SAFER HBMs in one vehicle model, while keeping the total HBM
entities within a 10M range.

Identifiers for parts, materials, sets, and others now follow a 6-digit numbering scheme,
where the digits indicate the position of the part with respect to the human body and
with respect to adjacent parts. For the numbering scheme, SAFER HBM version 11 is
divided into 6 body regions (head, neck, upper extremity, thorax, abdomen and pelvis,
and lower extremity). These body regions are each given a separate range, indicated by
the first digit of the identifier. Parts associated with the muscle implementation are
given a separate range (300000). The identifiers are numbered from cranial to
caudal/distal and/or medial to lateral directions. For example, in the upper extremity,
clavicle and scapula take a lower number than the phalanges of the hand.

The naming of the parts includes Body Region and the anatomical name in Latin name,
with the words concatenated with an underscore (_). The part name ends with the
sagittal aspect if there are symmetric components (“_Left”/”_Right”), giving the
possibility that parts on both sides can be selected in a preprocessor by searching of
the name of the component leaving out the ending “_Left”/”_Right”



Place

Place
Description

Value
notation/
description

Table 3. The numbering rules that are used for SAFER HBM version 11.

x00000

Body region/
subsystem

3 - Muscle

4 - Head

5 - Neck

6 - Upper
Extremity

7 - Thorax

8 - Abdomen
and Pelvis

9 - Lower
Extremity

Some examples:

0x0000

Sagittal
aspect

0-Partson
the mid-
sagittal plane

If a parthas
symmetry
counterpart,
then,

1-Left
6 - Right

Rubric
00x000

Major part
(optional)

This place is
optional and
used in
addition or
combination
with the 4
digit for parts
requiring
additional
digits in the
numbering
series, for
e.g., thoracic
spine which
has 12 levels

000x00

Major part

This place is
used for
major parts.
Gapsinthe
numbering
are given by
design to
accommodat
e expansion
from future
development
s.

0000x0

Minor part

This place is
used to
identify
components
within the
major part

00000x
Used only
when several
subparts are
required

This place is
used when
repetitive
structures or
additional
sub-parts are
required for
an organ or
part.

800300 - Abdomen_Pelvis_Sacrum_Cortical (Sacrum takes the value 0 here since it lies

on the mid-sagittal plane)

801330 - Abdomen_L3_Trabecular (L3 vertebra takes the number 13 at this place and
hence use the 3 and 4™ digit.)

801331- Abdomen_L3_Trabecular_Posterior (In this case, the last digit is used for the
posterior part of the vertebra)

801161 - Abdomen_L1-L2_Interbertebral_Disc_AF_Fibers_In_1 (Number 1-6 (1 in the
example) at the last position indicate the 3 pairs of annular fiber layers.

910380 - Lower_Extremity_Fibula_Trabecular_Left (Left fibula takes the value 1, while
the right fibula takes 6. (All parts symmetric about sagittal plane are offset by 50000))

960380 - Lower_Extremity_Fibula_Trabecular_Right



3. Model Tuning and Validation

As of SAFER HBM version 11, all validations have been collected in a validation
repository on GitHUB. In this repository the validations are presented using Jupyter
Notebooks, with simulation results post processed using the DYNASAUR post
processor. In this chapter, the validation that has been carried out to verify the updates
of SAFER HBM version 11 will be presented. If the validation is already included in the
validation repository, it will be referenced with a short introduction. Some validation
load cases are not yet in the repository, and those will be presented with results in this
report.

3.1.  Pelvis Tuning and Validation

At the time of pelvis bone development, there was a lack of published material
properties for the pubis symphysis (PS) joint. Due to this the joint was modelled using a
rubber material model with stress-strain response calibrated against component tests
by (Dakin et al., 2001), to match the average tension/compression response, see Figure
33. Details are provided in (Brynskog et al., 2022)
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Figure 33. The resulting PS joint stiffness in tension and compression. From (Brynskog et al., 2022).

The same tuned material parameters were also used for the Sacroiliac (Sl) joint, lacking
alternative data. The evaluation of the Sl joint stiffness is seen in Figure 34.
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Figure 34. The resulting Sl joint stiffness in various loading conditions. From (Brynskog et al., 2022).

Component level validation of the pelvis FE-model was done against quasi-static and
dynamic lateral loading experiments performed by (Guillemot et al., 1998), and have
been published in (Brynskog et al., 2022). These validations are available in the
validation repository for SAFER HBM v11.



3.2. Femur Validation

The femur model kinetic and kinematic responses were validated to the combined axial
load and 3-point bending tests presented in (lvarsson et al., 2009) and have previously
been reported in (Svensson, 2022). This validation is also available in the validation
repository for SAFER HBM v11.

3.3.  Lumbar Spine Tuning and Validation

Using the step-wise reduction studies published by (Heuer et al., 2007; Jaramillo et al.,
2016), it was shown that initial pre-stretch/slack had to be defined to the ligaments;
-1.5 mm for ALL, +1.5 mm for PLL, +2.0 mm for FC and FL and +5.0 mm for ISL and SSL.
This corresponds to a pure rotation around the FSU center or rotation (approximately
2/3 from the anterior edge of the disc). The joint stiffness after adding this slack can be
compared to the (Heuer et al., 2007; Jaramillo et al., 2016) data in Figure 35.
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Figure 35. The resulting stiffness of the L4-L5 FSU in flexion, extension, lateral bending and axial rotation for the
updated lumbar spine after tuning the initial slack of ligaments.

The kinetic and kinematic response of the whole lumbar spine was validated to two
isolated lumbar spine PMHS tests (Demetropoulos et al., 1998; Yamamoto et al., 1989),
where the lumbar spine was subjected to flexion, extension, lateral bending and
torsional moments, and have previously been presented in (Iraeus et al., 2023). This
validation is also available in the validation repository for SAFER HBM v11.

In Figure 36 the effect on the joint stiffness of removing the ILIO ligament on one or two
sides can be seen. According to (Yamamoto et al., 1990) the bilateral removal of the
ILIO ligament should give an additional 1.7° rotation in flexion which is similar to the
model prediction. For lateral bending Yamamoto et al. measured 1.1° additional
rotation when bilaterally removing the ILIO ligaments. The model predicts 2.2°
additional rotation and is thus too flexible. In axial rotation Yamamoto et al. measured
0.3° additional rotation, while the model predicts 0.15°, making the model too stiff in
this load case.
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Figure 36. The effect of removing the iliolumbar ligaments. The blue curves represent model prediction of an intact
model. The green curve, when the right ILIO ligaments are removed, and the red when ILIO ligaments are removed on
both sides.

The tissue based IRF was compared to two other (force based) IRFs (Stemper et al.,
2018; Tushak et al., 2023) and to combined flexion and compression tests performed by
(Ortiz-Paparoni et al., 2021), see Figure 37. Generally, the predictions of the tissue

based IRF are slightly conservative (lower force for same risk) compared to the Ortiz-
Paparoni et al. results (black lines). The main reason for this is most likely that the
tissue based IRF predicts onset of (endplate) fracture, while the Ortiz-Paparoni et al.
results are for complete vertebrae fracture.
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Figure 37. The predictions by the IRF (red stars) compared to force based IRFs by Tushak et al (green squares) and
Stemper et al (purple triangles), to data from Ortiz-Paparoni et al using three levels of spine curvatures. From (Iraeus
etal., 2023).

3.4. Cervical and Thoracic Spine Validation

The cervical spine kinetics and kinematics were compared to (Yoganandan et al., 1996)
in tension, (Nightingale et al., 2002) in flexion and extension, and (Panjabi et al., 2001) in
axial rotation and lateral bending. The thoracic spine kinetics and kinematics were
validated to (Wilke et al., 2017) in flexion, extension, axial rotation and lateral bending,
and to (Panjabi et al., 1976) for compression and tension. Except for the Yoganandan et
al. tension test, validation is available in the validation repository for SAFER HBM v11.



In Figure 38 the model response is compared to biological tests (isolated cervical spine
and full neck) presented by (Yoganandan et al., 1996). The predicted, isolated spine
response for SAFER HBM is on the stiffer and stronger side closer to the full neck
response.
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Figure 38. The cervical spine model compared to spine tension tests by (Yoganandan et al., 1996). The red line

corresponds to the model prediction. The black lines represent four tests 0.059 kN/mm is the average stiffness in
those tests, and the blue line and 0.166 kN/mm is the stiffness for tests with a full neck.

3.5. Clavicula and Humerus Validation

The kinematics and kinetics of the clavicula were validated to 3-p bending and axial
loading test performed by (Zhang et al., 2014). The humerus was validated to 3-p
bending tests performed by (Kemper et al., 2005). Finally, the upper arm, including soft
tissue, was validated to 3-p bending tests performed by (Duma et al., 1999), and
compression tests performed by (Kemper et al., 2005; Kemper, 2013). This validation is
available in the validation repository for SAFER HBM v11.

3.6. Costovertebral joint Tuning

As no material data was available for the ligaments of the costovertebral joint, the
material properties were tuned to get a reasonable kinematic and kinetic response of
the overall joint. For this, parameter optimization was carried out using LS-OPT. The
optimization objective was to minimize the difference between the model prediction
and the test response (moment vs rotation) presented by (Duprey et al., 2010),



simultaneously for five loading directions. The result of this optimization for rib level 6
can be seen in Figure 39.
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To check the generaliziability of the tuned material parameters, rib 2 was modelled with
the same strategy. It turned out that this joint matched the reference data even better
than the prototype level, see Figure 40. This indicates that the modelling strategy has
potential to be biofidelic for more levels, but more work is needed to verify this.
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3.7. SoftTissue Validation

The pelvis and soft tissue updates were validated by gravity settling simulations, free-
back rigid bar abdominal impacts (Hardy et al., 2001), stationary belt pull tests (Uriot et
al., 2006), whole body lumbar flexion (Uriot, Potier, Baudrit, Trosseille, Richard, et al.,
2015), sled test with rigid seat (Luet et al., 2012), sled test with semi-rigid seat (Uriot,
Potier, Baudrit, Trosseille, Petit, et al., 2015) and sled test with reclined occupant on a
semi-rigid seat (Richardson et al., 2020). The results of these validations can be seenin
(Brynskog et al., 2024a) and (Brynskog et al., 2024b).

3.8. Effect of Updated Muscle Elements

The cervical spine maximum strength was evaluated after the updated muscle routing.
The T1 vertebra and shoulder girdle were constrained, and a 1 m long steel cable was
attached to the center of gravity of the head of the model, at a 90° angle. The force
recorded in the cable was multiplied with the lever arm of 213 mm for this attachment
to give maximum flexion, extension and lateral bending moments comparable with
volunteer studies in the literature (Jordan et al., 1999; O’Leary et al., 2017; Osth et al.,
2013; Queisser et al., 1994; Vasavada et al., 2001). The cervical strength of the model
after the routing update was marginally lower than before the routing update due to the
reduced muscle lever arms with a routing closer to the cervical spine. The model
cervical strength matched the available volunteer data, except for the model being
stronger in lateral bending.
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Figure 41. SAFER HBM v11 cervical spine strength after muscle routing update.

For evaluation of maximal lumbar flexion, extension and lateral bending moments, the
pelvis and femora were constrained in space, and the 1 m long steel cable was
attached to the T6 vertebra at approximate axilla height to match available volunteer
tests (Ghezelbash et al., 2018; Lariviére et al., 2009; McNeill et al., 1980; Ng et al., 2001;
Osth et al., 2013) with a lever arm of 346 mm to the L5-sacrum joint. For the maximum
strength simulations, the abdominal muscles (rectus abdominis and rectus obliques)



were activated to 100% for lumbar flexion, the paravertebral muscles (multifidus,
erector spinae, quadratus lumborum etc.) for extension and a combination of muscles
for lateral bending. It can be noted that the modelis on the weak side compared with
the volunteer data, Figure 42. For lumbar flexion, if maximal activation to the psoas
muscle is also included the peak flexion strength increases to 108 Nm, which is in line
with the reported volunteer strengths.
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bending (right).



4.Discussion

The overall aim of the SAFER HBM is to be an “omnidirectional, tunable and scalable
human body model capable of injury risk and biofidelic kinematics prediction in high-g
as well as low-g events”. A major part of the updates presented in this report, for SAFER
HBM version 11, are related to injury prediction for reclined occupants in front crashes.
This includes the updates to the pelvis, lumbar spine and the soft tissues in the hip
area.

In addition, the model has been prepared for tissue-based injury prediction in other
body parts, such as the femur, the shoulder girdle bones, and the thoracic and cervical
spine. For the long bones, the cortical bone (outer layer) was modelled using solid
elements. This was mainly done as the cortical thickness of these bones are larger
than, e.g., the cortex of the ribs or the vertebrae (which are modelled using shell
elements), and as a shell approximation is questionable for the cortex long bones, given
the thickness to curvature ratio of those bones. However, parts of these bones, like the
distal and proximal ends, also include a rather thin cortex. This means that one solid
element over the cortical thickness, in these specific areas, results in mass scaling,
even with a time step as small as 0.5 ps. Also, when only having one element over the
thickness itis important to use fully integrated elements, to get at least two integration
points over the thickness, and thus be able to capture some of the bending stiffness
over the cortex local thickness axis.

The soft tissues were mainly updated to enhance submarining prediction and low-g
events, but for the lower arm and the lower leg, also to improve mesh quality after the
introduction of new long bone meshes in version 10 for these body parts. The element
formulation used for the solids was mainly fully integrated 8-point hexahedron with an
assumed strain approach to avoid shear locking seen in standard fully integrated
elements, intended for elements with poor aspect ratios (ELFORM = -2 in LS-DYNA).
While the elements in the HBM typically have an aspect ratio below 5 (in many cases
close to one) in the lap belt area, the compression from belt loading in simulated
crashes may increase the elements aspect ratio and make them sensitive to shear
locking at the time of submarining, which then could prevent the submarining to some
extent.

It can also be noted that a proper muscle material model is missing, and that a stiff
form of fat tissue (Naseri, 2022) instead had to be implemented for SAFER HBM version
11. During the project another biofidelic muscle implementation (Lanzl et al., 2021) was
tested. While being biofidelic, it turned out that it was not stable for large deformations
(typically seen in submarining) and thus had to be rejected.

The muscle elements were re-routed to increase the biofidelity of the active HBM,
where it has been hypothesized in earlier studies that the lumbar spine controller (with
the active muscles) provides less moment than it should. The updated muscle routing
provided some more strength, but the model is still on the weak side for the lumbar
muscles and motions.



For several body parts the SAFER HBM geometry is based on statistical shape models
(SSMs). These models predict the shape of various body parts, as function of
independent variables like age, sex, stature and BMI. It is thus possible to create
geometries representing the average of a subpopulation, like average males. Currently,
the rib cage, the pelvis, and most of the outer shape are based on SSMs. During the
work with version 11, several body parts were re-meshed, based on the geometry of an
average sized female, and then scaled to fit the SAFER HBM. This includes the femur,
the bones of the shoulder girdle, and the thoracic and cervical spine. Although basing
the scaling (from female to male) on literature data, there is a risk that some female
specific characteristics are still presentin the (male) model. When SSMs become
available for these body parts, itis recommended to check, and if necessary, adjust the
geometries.

Finally, the model was renumbered, and the properties renamed, for easier model
management. All model entities are now within a 5M range, enabling the possibility to
have two SAFER HBMs within a 10M range. If more HBMs are to be included in a
simulation for some specific test setup, it is mainly the nodes and elements that need
to be within the 5M range. Most other entities are confined within a 1M range.

With the latest updates to SAFER HBM, the modelis now stand-alone, free from
proprietary data, and can be used for prediction of submarining for reclined occupants
in front crashes.
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Appendix A — Element quality criteria

The element quality criteria that is used to model the SAFER HBM have previously been
published in (Pipkorn et al., 2021), and are summaries here.

MESH QUALITY CRITERIA USED FOR UPDATES OF THE SAFER HBM (SOFTWARE WITHIN BRACKETS DEFINES
CRITERIA). SUPER SCRIPTS REFERS TO PUBLICATIONS OR OTHER SOURCES USED AS BASIS FOR CRITERIA LEVELS.
THE 100% LIMIT IS MAINLY FOR OVERALL MODEL STABILITY AND SHOULD THUS BE FULFILLED FOR THE WHOLE

MODEL. AREAS OF HIGH IMPORTANCE, WHERE TISSUE-BASED INJURY CRITERIA SHOULD BE USED, SHOULD
ALSO FULFILL THE 95% TARGET.

Aspect Ratio Skewness Warpage Hexa Angle Tetra Angle Jacobian
[-] [deg] [deg] [deg] [deg] [-]
Solid Elements (Patran) (Patran) (Patran) (Abaqus) (Abaqus) (ANSA)
95 % Target <37 <45’ <10° 30<9<140°  30<¢<120° >0.7%
100 % Limit <10°* <60 <20 20<¢<160*  20°<¢<150" ~0.3
Aspect Ratio Skewness Warpage Quad Angle Tria Angle Jacobian
[-] [deg] [deg] [deg] [deg] [-]
Shell elements (Patran) (Patran) (Patran) (IDEAS) (IDEAS) (ANSA)
95 % Target <3¢ <30° <7° 45<p<135°* >0.7%¢
100 % Limit <10° <60° <20° 20<9<160°  30<¢p<120° ~0.3°

2 Burkhart, T. A., Andrews,., D. M., & Dunning, C. E. (2013). Finite element modeling mesh quality, energy balance
and validation methods: a review with recommendations associated with the modeling of bone tissue. Journal of
biomechanics, 46(9), 1477-1488

b Yang, K.-H. (2017). Basic finite element method as applied to injury biomechanics: Academic Press.

¢ Industry requirements



