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1. Introduction

Submarining, defined as “the lap belt slides over iliac crest with lap belt forces effecting
the internal abdominal organs during forward displacement of the lower torso”
(Adomeit & Heger, 1975), can lead to injuries related to belt-to-abdominal loading in
frontal automotive crashes. Injuries to the abdominal organs are therefore often used
as a proxy for the submarining event, when studying the epidemiology of submarining
scenarios from real-world data (Couturier et al., 2007; Poplin et al., 2015). Injuries to
the abdominal organs can, however, stem from multiple sources, not strictly related to
the submarining outcome (Poplin et al., 2015). As a result, retrospective studies of
submarining in real-world crashes are difficult and a prospective approach using
models is considered an important complement.

Prospective models can be both physical, i.e. Anthropometric Testing Devices (ATDs),
orvirtual, e.g. finite element ATDs (FE-ATDs) or FE human body models (FE-HBMs). The
SAFER HBM (Pipkorn et al., 2021) is an example of an FE-HBM capable of predicting
kinematics and kinetics from omnidirectional loads in varying crash scenarios.
Furthermore, it can be used to study the effect of population variability by morphing
based on sex, age, stature, and weight. However, the model is currently not
developed/validated with the main target of submarining prediction. Limitations
include, e.g., orientation of the pelvis and alignment with the surrounding soft tissue
that does not match the average measurements that are available in current literature,
a soft tissue mesh that is unconnected to the skeleton, and elements of poor quality
around the hip-thigh junction.

The aims of this report are, hence, to update and enhance the SAFER HBM v10 (Pipkorn
et al., 2021) for future submarining studies in frontal automotive crashes including
population variability.

2. Method

The starting point for this report was the SAFER HBM v10 (Pipkorn et al., 2021). To
improve the submarining prediction capability of the model, the overall biofidelity, and
prepare it for future mesh morphing studies to include population variance, several
updates were made to the hip region and lower extremities of the model as outlined
below.

2.1.  Skeletal updates

The model was updated with a newly developed lumbar spine (Iraeus et al., 2023) and
pelvis model (Brynskog et al., 2021, 2022). The pelvic angle was set to a reported
average of 45° (Izumiyama et al., 2018), defined as the angle between a line that
connects the superior margin of the pubic symphysis (PS) with the anterior superior
iliac spine (ASIS) relative to the vertical axis in the midsagittal plane, for a vehicle
occupant seated with a 24° seatback angle. The new (slightly taller) lumbar spine and
the updated pelvis orientation moved the H-point inferior (24 mm) and posterior (13
mm) relative to the SAFER HBM v10. To match the new position of the hip, the legs were
translated until the femur head matched the new acetabulum position without



changing the femur shape, angle, or length. The change in H-point position means that
the torso length of the model has increased, this results in the vertical position of the
head being slightly higher when the model is seated, compared to SAFER HBM v10.

2.2. Softtissue updates

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., 2021), 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 (Body Mass Index
(BMI) = 25 kg/m?), and a sitting height to stature (SHS) ratio = 0.52). The surface was
then alighed by matching the human shape H-point with the new H-point of the model.
However, several updates were required before this surface could be used as the target
skin geometry of the updated SAFER HBM, motivation can be found in the Discussion.

e Firstly, there is a small difference in leg position between the HumanShape™
and the SAFER HBM. This was solved using direct morphing in ANSAv22.1.5
(Beta CAE Systems) by rotating the HumanShape™ leg around the H-point until
its knee position matched that of the SAFER HBM.

e Secondly, the scans for HumanShape™ were generated from subjects seated on
arigid flat surface (Park et al., 2021), meaning that the shape of the buttocks was
flatter and wider compared to an unloaded subject. An unloaded soft tissue
thickness of 35-45 mm under the ischial tuberosities (Linder-Ganz et al., 2007;
Wang et al., 2021), and a lateral thickness at the greater trochanter of 24 mm
(Tanaka et al., 2021), was used as target measurements. To achieve these
targets, 3D morph boxes were implemented in ANSA to generate a rounded
geometry passing through these targets.

e Thirdly, the skin surface spanning from the abdomen to the thigh was smoothed
in the HumanShape™ mesh fitting algorithm, which meant that the soft tissue
thickness over the ASIS was overpredicted. Since the soft tissue thickness over
the ASIS is highly dependent on the measurement direction, a 25 mm thickness,
as defined in (Tanaka et al., 2021), and a 15 mm thickness, as defined in
(Robinson et al., 2022), were used as target measurements and was achieved
using 3D morph boxes in ANSA.

Fig. 1 a) shows the original HumanShape™ surface (light gray) versus the updated
morphed version (yellow). The morphed version is also compared with the SAFER HBM
v10 (orange) in Fig. 1 b). To generate the updated SAFER HBM (blue), the morphed
surface was used to build hexa blocks in ANSA for a full hexa mesh of the soft tissues
surrounding the hips and thighs, see Fig. 1 ¢). The target was a high-quality, all
hexahedral, mesh to allow for extensive mesh morphing, which was achieved using pre-
defined meshing requirements (Brynskog et al., 2022). The element formulation used
for the solids was a fully integrated 8-point hexahedron with an assumed strain
approach to avoid shear locking behavior seen in standard fully integrated elements,
intended for elements with poor aspect ratios, (ELFORM = -2 in LS-DYNA (ANSYS
Livermore Software Technology, California, United States)). While the elements
typically have an aspect ratio below 5 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.

Fig. 1 Schematics of hip and thigh outer skin surfaces. The upper figure (a) shows the
original HumanShape™ geometry (light gray) versus the updated morphed version
(yellow), aligned at the H-point. The middle figure (b) shows the baseline model
geometry, the SAFER HBM v10, (orange) versus the updated morphed geometry
(yellow), aligned by the shoulder and upper torso to highlight the shorter torso length
and missing buttock soft tissue. The lower figure (c) shows the updated SAFER HBM
geometry (blue) versus the updated morphed geometry (yellow), aligned by the H-point
(this version also matches the locations of the acromion (shoulder)).



To have a computationally efficient model that fulfills simulation efficiency
requirements, 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 Fig. 2. 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). However, a robust material model for passive muscle
tissue, validated for compressive loading at strain rates at around 100/s, typical in
simulated automotive crashes, was not found in the literature. Instead, in the search for
a more suitable muscle material model, the stiff fat representation (Naseri, 2022) was
evaluated against an existing muscle material model (Lanzl et al., 2021) (which was
found to become unstable at strains above 40%) and was found to produce similar
stress-strain results. Hence, until better muscle material models are made available,
the stiff fat material properties were implemented in the updated SAFER HBM as a
proxy for a passive muscle tissue material.

Fig. 2 Fat/mus“cle distribution ardund 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 connections were achieved by extruding a one element thick solid layer
which shares nodes with the skeleton on one side and was surface alighed and tied to
the muscle elements using a contact (*TIED_NODES_TO_SURFACE_OFFSET in LS-
DYNA) on the other side, see Fig. 3. Since the function of these elements were primarily
to avoid separation of the muscles from the pelvis when the muscles are pulled away
from the skeleton, these solids were given material properties based on high-speed
tension tests on human thigh muscles (Zhai et al., 2019). This material definition is too
stiff to be used on muscle elements that mainly experience compressive loading but
was considered a reasonable approximation for the simplified muscle coupling
functionality.

Fig. 3 Muscle attachment elements for the pelvis.

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 Fig. 4. 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 =1 in LS-DYNA) with a stiffness based hourglass control utilizing exact
volume integration (HIQ =5 in LS-DYNA).

A no-separation sliding-only contact (*FAUTOMATIC_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 a
fascia, connecting the muscle and fat but allowing relative movement.



Fig. 4 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 Fig. 5. To couple the meshed
volumes with each other and the models of the surrounding skeleton, the no-separation
sliding-only contact was also implemented between the lower abdomen and pelvic
volumes as well as between the lower abdomen volume and parts of the spine.

Fig. 5 Re-meshed lower abdominal cavity volume (left) and pelvic cavity volume (right).

Finally, to close the inferior opening of the bony pelvis model, the pelvic floor was
modelled using fully integrated shell elements (ELFORM = 16 in LS-DYNA), where the
shells bridge the pubis, ischial spine, coccyx, and sacrum, see Fig. 6. 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., 2022) and was used for all pelvic floor
elements. Since the Ogden material model was sometimes found unstable when
applied to fully integrated shells, an elastic stiffness of 1 MPa was estimated from the
tension tests by (Zhai et al., 2019) and implemented using *MAT_ELASTIC.

Fig. 6 Shell representation of pelvic floor muscle from superior view (left) and inferior
view (right).

2.3. Jointupdates

The hip, knee, and ankle joints of the SAFER HBM v10 was found to be stiffer than data
in appropriate literature (Amankwah et al., 2004; Riener & Edrich, 1999), especially the
ankle joint which was ~10x stiffer. The stiffness of these joints will affect the force going
through the legs, which will influence the pelvis kinematics, in a frontal impact. Correct
pelvis kinematics had the highest priority for this update since the aim was to enhance
the models submarining prediction capability. Hence, it was decided to remove the
ligaments and tendons of the hip, knee, and ankle joint, and instead use the kinematic
joints already implemented for the active version of the SAFER HBM (Osth et al., 2014).
In addition, since the material of the skin and soft tissues in the lower leg and foot were
found to significantly add stiffness to the joints they were replaced with softer versions,
already implemented in the torso and neck (Pipkorn et al., 2021). The flexion/extension
stiffness of each joint were prescribed using passive joint moments and compared with
results predicted for volunteer (Riener & Edrich, 1999) when computed using the SAFER
HBM modelled joint angles (ankle = 4°, knee = 67°, hip = 88°), see Fig. 7. The initial peak
(around the zero rotation) seen in the simulated response of knee and hip rotation
comes from the inertia of the moving limb, since the rotation was applied as a constant
velocity with a ramp of 50 ms.
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Fig. 7 Passive joint moments for ankle (top left), knee (top right), and hip (bottom left)
from volunteers (black) based on the SAFER HBM modelled joint angles (ankle = 4°,
knee = 67°, hip = 88°) vs. updated kinematic joints (red). The curves are offset such that
0 rad corresponds to the SAFER HBM modelled joint angle of each joint. The initial peak
(around the zero rotation) seen in the simulated response of knee and hip rotation
comes from the inertia of the moving limb, since the rotation was applied as a constant
velocity with a ramp of 50 ms.

2.4. Simulations

To check the feasibility of the model updates, four simulation scenarios were analyzed.
These include gravity settling on a rigid plate to assess soft tissue deformation, free-
back rigid bar impacts to the abdomen (Hardy et al., 2001), quasi-static whole body
lumbar flexion (Uriot et al., 2015b), and semi-rigid seat sled tests resulting in both
submarining and no submarining outcomes (Uriot et al., 2015a). All simulations were



performed using LS-DYNA MPP R12.2.1 (ANSYS Livermore Software Technology,
California, United States) on a cluster running with 32 cores.

Gravity settling

The gravity settling simulation was performed from an upright posture on a rigid plate.
Gravity was applied from the start of the simulation while constraining the model in the
sagittal plane. Wrists and ankles were also constrained in the vertical direction to avoid
free falling limbs affecting the response. A critical damping value, defined to remove
model oscillations, was applied for the first 250 ms and was linearly removed between
250 and 300 ms. At 300 ms the deformation of the soft tissue inferior to the ischial
tuberosities and lateral to the greater trochanter was evaluated.

Free-back rigid bar abdominal impacts (Hardy et al., 2001)

The model was placed in an upright posture on a rigid plate with gravity settling applied
for the first 300 ms, as in the gravity settling evaluation. At 300 ms, the model was
completely released from all constraints as a rigid bar (25 mm in diameter with a weight
of 48 kg) impacted the model at the umbilical/L3 level at a low (6.3 m/s) and high (9.2
m/s) impact seed.

Whole body lumbar flexion (Uriot et al., 2015b)

The model was placed in a rigid seat with 90° between seat and backrest. A lap belt was
used to couple the model with the rigid seat applying a belt load of 100 N to each side
during the first 200 ms. To mimic the back-plate and chest belt, used in the experiment
to couple the PMHS torso with the rotating frame, the spine was made rigid from T10 to
head and constrained as one partto T7. The T7 vertebrae was then constrained to a
rigid plate aligned with the superior endplate of sacrum, defined as the rotation center
of the frame. At 200 ms, the rigid plate was rotated at 20°/s until reaching a lumbar
flexion of 30°.

Sled test with semi-rigid seat (Uriot et al., 2015a)

A sled test with a semi-rigid seat aimed to replicate a front (non-submarining) setup and
a rear (submarining) setup was simulated. The setup used a 2-point shoulder and a 2-
point lap belt with separate load limiters and applied an acceleration pulse with an
approximate peak of 300 m/s? (-14 m/s final sled velocity). The belt was modeled 45
mm wide and 1.2 mm thick with a belt stretch of 9% at a tension of 10 kN. The mesh
consisted of 6 elements across the width of the belt and a coated 2D seatbelt material
(*MAT_BO01_2D in LS-DYNA) for added bending stiffness (Soni et al., 2021). The belt to
HBM friction coefficient was set at 0.25 while the seat to HBM friction coefficient was
set at 0.2. A belt pre-load of 50 N was applied to each retractor based on input from the
study authors. The belt payout was used as a calibration variable to match the recorded
belt force initiation. Following gravity settling, as in the gravity settling evaluation, the
recorded acceleration pulse was applied to the rigid seat with no additional constraints
on the HBM. Differences between the front and rear seat configuration include modified
seat positions, belt anchor point positions, and seat stiffness, as described in the
experiment reference.



3. Results

The new hip and thigh mesh of the soft tissues consists of 40,724 solids and 10,160
shells, with an average element length of 5 mm, compared to the old model which had
32,184 solids and 8,460 shells and an average element length of 6 mm. In addition, the
new abdomen wall mesh consists of 13,424 solids and 13,512 shells, with an average
element length of 3 mm. The quality of all elements was within the 100% limits as
specified in (Brynskog et al., 2022).

Gravity settling

In the gravity settling simulation, the soft tissue under the ischial tuberosities
compressed by 20 mm, compared to in-vivo measurements for an average male
ranging between 13-35 mm (Linder-Ganz et al., 2007; Wang et al., 2021), while flowing
laterally to the greater trochanter by 9 mm, compared to standing to seated in-vivo
measurements for an average male, reported at 13 mm (Tanaka et al., 2021), see Fig. 8.

Fig. 8 Uncompressed soft tissue (top row) and gravity compressed soft tissue (bottom
row). Red arrows indicate measurements taken for inferior (top left) and lateral (top
right) soft tissue deformation.



Free-back rigid-bar abdominal impacts (Hardy et al., 2001)

In the rigid-bar impact simulations, the model response stayed mostly within the PMHS
corridor, see Fig. 9. In the low-speed impact the bar goes in contact with the lumbar
spine at the peak penetration of ~150 mm. Hence, the penetration found in the
experiments of 170-210 mm can only be achieved by a more protruding abdomen
(greater abdominal penetration before lumbar spine contact). In the high-speed impact
the bar again stops at roughly the same amount of abdominal penetration but this time
it matches better with the peak average PMHS penetration. This indicates that the
abdomen shape for the SAFER HBM was more like those of the PMHSs in the high-
speed experiments than in the low-speed experiments.

Free-Back, Rigid-Bar, 6.3m/s Free-Back, Rigid-Bar, 9.2m/s
105 - = SAFER HBM = = GI3 - M,173cm,73kg 105 - m—SAFER HBM = = GI7 - M,181cm,77kg
— Average =-=-Gl4 - F,165¢cm,58kg — Average =-=-GI8 - M,182cm, 64kg
= Corridor s GIG - M, 165cm, 91kg | = Corridor s GI9 - F @55cm,51kg

Load [kN]
Load [kN]

45 -

0 30 60 90 120 150 180 210 240 0 30 60 90 120 150 180 210 240
Penetration [mm] Penetration [mm]

Fig. 9 Free-back rigid-bar impacts at low (6.3 m/s) (left) and high (9.2 m/s) (right) impact
speeds comparing the response of the updated SAFER HBM (red) with PMHSs (black).



Whole body lumbar flexion (Uriot et al., 2015b)

In the lumbar flexion simulations, the model response followed the average PMHS
response, except for an initial moment peak due to inertia of the torso since the rotation
was applied at a constant velocity with a ramp of 50 ms, see Fig. 10. The experiment
was performed quasi-static, however, that is not feasible using an explicit FE model
due to time limitations. Instead, the target flexion was reached in about 2 s of
simulation time at the expense of some initial inertia effects. Applying the load slower
and with a smoother ramp would lower the initial peak/oscillation but does not
substantially change the later part of the curve.

60

50

"""" ATD H3
e ATD THOR

Flexion moment [Nm]

10 15 20 25 30
Flexion angle [deg]
Fig. 10 Initial position (top left) and position at 25° torso flexion (top right) with flexion

moment vs. flexion angle (bottom) comparing the response of the updated SAFER HBM
(red) with PMHSs (black).



Sled test with semi-rigid seat (Uriot et al., 2015a)

In the sled simulations, the model correctly predicted no submarining for the front seat
configuration and submarining for the rear seat configuration, see Fig. 11. The model
response also stayed mostly within the PMHS envelopes for both the boundary
condition and the kinematic signals in both configurations, see Fig. 12 to Fig. 15. The
main differences when comparing the results were a slight over-rotation for the pelvis
at the time of submarining and a more pronounced lap belt force drop following
submarining, both in the rear seat configuration.

Fig. 11 A non-submarining front seat response (left) and a submarining rear seat
response (right).
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Fig. 14 Boundary condition signals for SAFER HBM (red) compared to PMHS response
(black) in the rear seat configuration.
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the rear seat configuration.



4.Discussion

The scans for HumanShape™ were generated from subjects seated on a rigid flat
surface (Park et al., 2021), meaning that the shape of the buttocks was flatter than if the
subjects would have been unloaded. An unloaded soft tissue thickness of 35-45 mm
under the ischial tuberosities has been reported (Linder-Ganz et al., 2007; Wang et al.,
2021). Furthermore, since the soft tissue is close to incompressible it flows laterally
when compressed, making the HumanShape™ surface wider over the hips compared to
an unloaded subject. A lateral thickness at the greater trochanter of 24 mm, for a
standing (uncompressed) subject with BMI = 25 kg/m?, has been reported (Tanaka et
al., 2021). In addition, the skin surface spanning from the abdomen to the thigh was
smoothed in the HumanShape™ mesh fitting algorithm, which means that the soft
tissue thickness over the ASIS was overpredicted. Using the anthropometry of the
SAFER HBM, a SAT thickness of 8-13 mm could be expected at the ASIS in a supine
position (Holcombe & Wang, 2014), however, it is likely that this thickness increases in
a seated posture. For standing, upright seated, and reclined seated subjects, a SAT
thickness of approximately 20-25 mm (measured along a vector spanning from
posterior superior iliac spine to ASIS projected on the sagittal plane at the ASIS) has
been reported for a male with BMI = 25 kg/m? (Tanaka et al., 2021). A non-peer reviewed
publication with a smaller sample indicates that for normal BMl in a seated posture, the
SAT thickness is approximately 15 mm (measured along a vector going from the anterior
corner of the sacroiliac joint to the ASIS) (Robinson et al., 2022). Since these
measurements can both be true at the same time, due to the different definitions, they
were both used as target measurements when generating the morphed version of the
HumanShape™, used as the updated SAFER HBM skin geometry.

The interaction between abdominal fat and muscle tissue was modeled using a
tiebreak contact that only allows tangential movement with frictional sliding. This
sliding-only interface was chosen to replicate the quite substantial relative motion that
can occur in facias, separating fat and muscle tissues. Using the GHBMC HBM, it has
been shown that splitting a node-to-node tied coupling for the soft tissue in the ASIS
region improved the submarining prediction of an obese model (Sun et al., 2019),
however, this solution was not considered biofidelic. The simplified fascia model
implemented in this update for the SAFER HBM was considered a way to release the
interface constraint in the ASIS region with a biofidelic motivation. This type of
interaction is already modeled for the ribcage, to allow the thorax soft tissue mesh to
slide on the ribcage surface without separation (Pipkorn et al., 2021).

The resulting joint stiffness for the kinematic joints matches the volunteer data for the
ankle and knee joint (Riener & Edrich, 1999), but is offset and builds stiffness too rapidly
in hip extension. The difference for the hip joint indicates that the modelled leg position
for the SAFER HBM (knee angle = 67°, hip angle = 88°) is not the neutral position of the
leg, meaning that there should be a small build-up of torque (~4Nm) at this position.
Adding this offset to the simulated response would improve the comparison for joint
flexion, indicating that the slope of the moment curve for 0.5 rad (~30°) flexion is
comparable. However, in extension the shape of the curve does not match the
reference and the joint builds stiffness too rapidly. This is because the hip joint has a
large range of “moment-free” rotation, and because the modelled position is some



angle from the neutral position. In reality, the soft tissue superior to the joint should,
hence, be compressed while the soft tissue inferior to the joint should be stretched.
This will cause the superior tissue to have some slack as the joint moves in extension,
while the inferior tissue will produce a pulling force. As a result, the passive joint
moment should remain close to zero for a substantial extension of the leg (~70-80° from
the modelled position). In simulation this is not the result since the modelled position is
treated as the neutral position. This means that the superior tissue begins to resist the
extension movement as soon as the rotation starts, while the inferior tissue lacks any
pulling force and could instead work against the extension movement as the soft tissue
gets compressed. As a result, the moment required to move the hip jointis roughly 25
Nm greater for the model compared to the reference at 30° extension from the initial
position.

In all simulations performed with the updated model, the response was mostly within
the PMHS envelopes of the published reference data. This includes soft tissue
deformation from gravity settling, abdomen stiffness from rigid bar impacts, lumbar
spine stiffness from full-body flexion, and submarining / non-submarining outcomes
from sled tests. All simulations resulted in normal termination. This indicates that the
updated version of the SAFER HBM is a reasonable candidate for further submarining
evaluations of variations in both boundary conditions and subject anthropometry.

The work presented in this report was used as a starting point when developing the
SAFER HBM v11.
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