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Analyzing the Force Variation and Response of a Human Body Finite Element Model
in the Underbody Blast Environment

Zachary S. Hostetler, Jazmine Aira, Juliette Caffrey, F. Scott Gayzik

Abstract

The objective of this work was to use the Global Human Body Models Consortium (GHBMC) model to analyze
force variation as a function of underbody blast (UBB) loading severity and to assess the suitability of this
human model for use in this environment. A design of experiments (DOE) was conducted across a wide range of
input pulses representing UBB loading conditions. 51 whole body simulations were conducted (peak velocity
range 2-15 m/s and time to peak 2-20 ms). The GHBMC M50-0 (v 5.0) was positioned in the finite element (FE)
setup, booted, and belted with a five point harness. Time history of force data were extracted from the lower
extremity (calcaneus, tibia, femur), pelvis (superior and inferior pubic rami), and the spine (L5, L3, T12, T6, T1,
C1). Out of the 51 simulations that were conducted (94%) yielded actionable (the last time step beyond peak
load values at all areas of interest) data. The greatest force values and ranges were observed in the thoracic and
lumbar spine: T12 (5.30£1.90 kN), L3 (5.394£1.91 kN), and L5 (5.83+2.06 kN). The lowest force values were
observed in the femur (0.71+0.32 kN). C1 (2.5+0.53 kN) experienced more loading compared to T1 (1.07+0.23
kN). Time to peak velocity did not have a significant effect on the force response. Furthermore, the force values
observed are within ranges of previously reported values. The data indicate that the model may be suitable for
use in the UBB environment.
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I. INTRODUCTION

Increased modernization and technological advances have drastically changed modern warfare. In Operation
Iraq Freedom (OIF) and Operation Enduring Freedom (OEF), improvised explosive devices (IEDs) were the single
most prevalent threat to soldiers, accounting for 45.6% of all combat deaths [1] and were the leading cause of
vehicle loss [2]. It is also important to note that IED explosions have occurred outside of warzone areas. In 2012,
there were an average of 500 IED explosions per month worldwide (excluding Iraq and Afghanistan) [3]. IEDs
pose a serious threat to soldiers in vehicles as the explosion causes a high amount of energy to be transferred
from the floor of the vehicle directly to the lower extremities and from the seat of the vehicle directly to the
pelvis. In a recent case review of injuries in OIF and OEF directly related to underbody blasts (UBBs), Danelson et
al. found that lower extremity injuries were the most frequent. Seventy-nine percent of the injuries reviewed
were AIS2+ fractures with the distal tibia, distal fibula, and calcaneus being the most commonly fractured bones.
While lower extremity injuries were the most common, the most severe injuries occurred in the pelvis, lumbar
spine, and thoracic spine [4]. There is a clear need to develop testing protocols and better understand the injury
mechanism in the UBB environment for soldier protection. The loading direction and UBB pulse characteristics
are just two of the many distinct characteristics that make the UBB environment difficult to study and replicate
physical testing. IED’s can be located at the side, front, or rear of the vehicle and have a non-vertical main
loading direction Furthermore, IEDs on the roof of the vehicle can create even greater challenges. The blast
pulse from an IED has a peak acceleration 5-10 times greater and the duration of the pulse is 3-5 times shorter
[5]. Ramasay et al. reported UBB floor plates can reach up to 30 m/s in 6-10 ms [6] and Bird et. al reported floor
pan accelerations in excess of 100 G’s in 3-100 ms [7].

Experimental work in the UBB environment has been conducted with both anthropomorphic test devices
(ATDs) and postmortem human subjects (PMHS). Danelson et al. [8] used an Accelerative Loading Fixture (ALF)
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to study UBB events in a more controlled laboratory setting. Fourteen tests were conducted using both PMHS
and the Hybrid-Ill ATD. The results showed that the Hybrid-Ill ATD was not able to be positioned in accordance
with the PMHS in the rigid seat and exhibited a stiffer overall response. Furthermore, the ATD was not able to
capture the kinematic response of the PMHS lower extremities. To overcome the shortcomings of the Hybrid-IlI
in the vertical loading environment, the U.S. Army began the Warrior Injury Assessment Manikin (WIAMan)
project and development of the WIAMan ATD. The WIAMan ATD response was compared to matched pair
testing of Post-Mortem Human Subject (PMHS) in a variety of sub-injurious loading conditions. The testing
conditions were designed to mimic loading conditions of a seated soldier with and without Personal Protective
Equipment (PPE). The model response was compared to the PMHS response and quantitatively evaluated using
corridor methods outlined in [9]. Overall, the ATD achieved biofidelity score ranges between 0.59 - 0.63 for the
three different test conditions, indicated a fair ATD response based on CORA guidelines and ratings compared to
the PMHS test subjects [10].

PMHS testing has been conducted both at a component level and whole body level, focusing on lower
extremity and more recently pelvis and lumbar spine injuries. Chirvi et al. used a compilation of lower extremity
data from pendulum impacts [11,12] as well as vertical loading [12,13] to develop injury risk curves from PMHS
data[14]. Despite a larger sample size from a combination of studies and varying the posture and footwear
(booted vs non-booted), posture was not a significant covariate in the final injury risk model. Footwear was
initially a significant covariate but was removed as the fracture tolerance of a bone should be independent of
the presence of footwear [13]. It was noted that the presence of a boot shifted the injury pattern to tibia
injuries whereas the unbooted specimens experienced primarily calcaneus injuries. This trend was further
confirmed and supported by the work of Hampton et al. by analyzing the force mitigation the boot provides
[15]. The work done by Bailey et al. examined the whole body response of 10 PMHS subjects using the ODYSSEY
blast rig. The seat pan accelerations ranged from 291-738 G’s and the floor plan accelerations ranged from 234-
858 G’s over the course of 3 ms. The outcome of the work focused on injury threshold values specifically in the
lower extremity and pelvic regions. The lower extremity fractures observed were consistent with previously
reported literature about high rate axial loading and UBB events [16,17]. The pelvic injuries noted were similar
to what has been reported in the UBB environment but an important finding was the loading rate with respect
to the injury location[18,19]. The authors proposed that the high rate loading events produced injuries closer to
the loading area whereas the lower loading rates produced injuries further away from the loading area [20].
Dooley et al. carried out whole body PMHS experiments using the Vertically Accelerated Load Transfer System
(VALTS) at the Johns Hopkins Applied Physics Laboratory (APL). Seven specimens were tested in UBB conditions
(lower extremity peak velocity varied from 4-8 m/s and pelvis peak velocity varied from 4-6 m/s with a time to
peak (TTP) all between 5-10 ms). The study showed that load severity, bone quality and spinal alignment all
showed influence on vertebral compression fracture but no single factor was able to distinguish injury criteria
by itself.

Human body models (HBMs) have been developed and are used to study injury risk through computational
simulations and FE analysis. The Global Human Body Models Consortium (GHBMC) M50-0 average male seated
occupant is a widely used and validated HBM [21,22]. On a component level, the PLEX (pelvis and lower
extremity) have been validated in numerous loading conditions including axial loading. The ankle has been
specifically studied in impacts for axial loading, ankle inversion, eversion, dorsiflexion, and rotation [16,23-25].
The tibia has been validated in a three-point bending setup as well as axial loading for the entire leg [26,27]. The
pelvis has been validated in quasi-static and dynamic compression as well as in dynamic impacts to the iliac wing
and acetabulum [19,28]. These studies aimed primarily at validation and model assessment for the automotive
environment but more recently, HBMs have been used to study injury risk in the UBB environment. Gabler et al.
investigated the GHBMC response in two UBB loading conditions. The study found that the material properties
used for the plantar surface of the foot were highly sensitive to the rate of loading and affected the peak force
response of the model [29]. Weaver et al. investigated the pelvic response of the GHBMC and found that the
model response was well correlated with peak forces and strains used to develop injury risk curves from PMHS
subjects [30].
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While the use of HBMs in the UBB environment has increased and shown positive results, the potential of
these models has not been fully explored. This is due to models not being widely available and/or develop for
specific cases (e.g. Hampton et al. [15]) or prohibition of use in the military environment. Finally, an advantage
of HBMs is the large scale testing and design of experiments (DOE) studies that can be conducted to improve
model response and develop model specific injury risk curves to aid in soldier protection and safety. This large
scale testing is not feasible for physical experiments due to the cost and destructive nature of the test
environment. Therefore, the objective of this study is to use the GHBMC M50-O model to analyze force
variation as a function of the UBB loading severity. Model analysis will focus on the lower extremity, pelvis and
spine due to commonality and severity of the injuries experienced in modern warfare.

Il. METHODS

Design of Experiments Sample Space

A design of experiments (DOE) was conducted to analyze force variation in the body across a range of input
pulses representing UBB loading conditions. The input sample space was developed from previous studies
[5,8,20] and with the use of a computational approach, was extended beyond the STANAG 4569 [31] injury
tolerance range of 5 m/s to test model stability. Fifty-one whole body simulations were conducted with a peak
seat velocity range of 2-15 m/s and time-to-peak of 2-20 milliseconds (Figure 1).
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Figure 1. Design of Experiments (DOE) sample space for seat time to peak and peak velocity. The blue
region indicates previously reported values and the red region is the extension of the space to test
model stability in high rate loading conditions.

The input pulses were applied to the model as a velocity-time history trace in LS-DYNA using the
*Boundary_prescibed_motion card. The inputs were based off reported values in Ott et al. [32] and three
different pulse characteristics were considered: seat TTP velocity, seat peak velocity, and seat pulse duration.
From these three characteristics a simplified, triangular velocity curve was developed ( a linear increase to the
specified time-to-peak, and then a linear decrease back to v = 0 m/s) and used to generate 51 unique loading
curves. The relationship for each characteristic (TTP, peak, and duration) between the seat and floor from the
reported values were used to develop scaling relationships between the seat and floor pulses. A unique trace
was applied to both the seat and the floor for each simulation.

Human Body Model Boot Donning and Model Positioning

The GHBMC M50-O (v 5.0) was fit with a boot model provided by the sponsor (U.S. Army Research
Laboratory). The boot has been previously validated in ATD studies [33]. The fitting was accomplished by
artificially decreasing the size of the foot to fit within the native boot and then allowing the human foot model
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to linearly increase to its nominal size. The process achieved a smooth fit between the human model’s leg and
foot and the surrounding boot. This was conducted first to allow for any natural deformations and movement as
the model was positioned and belted into the test rig.

The FE setup is based on literature data and is described in greater detail in Ott et al. [32] Briefly, the FE setup
consists of a vertical sled system with a rigid seat and aluminum floor plate (Figure 2). The GHBMC M50-O (v
5.0) was positioned in the finite element (FE) setup using published descriptions of post-mortem human
subjects (PMHS) to guide positioning [32]. Angle and relative displacement measurements in the head (Frankfurt
plane to acromion vertical difference 0.0 £ 20 mm), arms (shoulder-elbow-wrist angle 45-45 deg angle), pelvis
(hip-knee-ankle angle 90-90-90 deg, and pelvis angle = 40 + 5 deg) and foot ( boot to heel separation 295 mm +
10 mmposition on floor plate) were taken pre and post positioning and compared to PMHS reported values.
Positioning simulations were executed in LS-DYNA using *Boundary_prescribed_final_geometry cards and
gravity fields to allow the model to naturally move to the desired positions with correct angle measurements. All
angle measurements for the PLEX region were within 5% of reported values and deemed acceptable given the
focus on the PLEX region. Furthermore, the model was belted with a five point harness and before each
simulation, belts were tightened to 10 Ibf. For each of the 51 simulations conducted, the model was allowed 100
milliseconds of gravity settling before each 150 millisecond input pulse was applied to the model.

Frontal view Lateral view

Figure 2. Model positioning showing the frontal view (left) and the lateral view (right) in a 90-90-90
posture for testing with the 5 point harness and military boot.

Human Body Model Instrumentation and Data Reduction

For all simulations conducted in the DOE, fracture status (element deletion based on failure strain criteria)
was turned off. Time history for forces and accelerations were extracted from the lower extremities (calcaneus,
tibia, femur), pelvis (superior and inferior pubic rami), and the spine (L5, L3, T12, T6, T1, C1). A detailed figure of
model cross-sections for data output and coordinate systems are shown in Figure 3. For comparison to
published values in the literature, all coordinate systems were implemented using the body centric SAE J211
coordinate system (1995) [34]. All accelerations reported were filtered using a CFC of 1000 and all forces were
filtered using a CFC of 600. Furthermore, displacements from a bone were reported as the displacement of an
interpolated node at the center of gravity of the bone of interest. Planes for reported forces were instrumented
to be normal to the direction of loading and based on their respective SAE J211 coordinate system. To assess
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the model stability in the UBB environment, post-processing steps included: simulation status upon completion
(either normal or error), visual inspection of animation states for any non-physical behavior, and added mass to
the model due to mass scaling being less than 1%.

Cc1
T1

W
‘ é‘ﬁx T6 L/R
\ Superior/Inferior
Tﬁi{ T12 Pubic Rami
o 13
P = L5
=
Xz “1 ‘/ Y

Distal Femur / ;

Mid Tibia [&»X
gz Bottom foot

Calcaneus —— e flesh

Figure 3. GHBMC M50-0 model instrumentation with cross sections and coordinate systems described

lIl. RESULTS

Overall Status and Model Stability

Out of the 51 simulations that were
conducted, 82% resulted in a normal 155 —% ® Normal Termination
termination status. Forty-eight out of the 51 14.0 - * Past Peak Forces

. . . iled Bef k
(94%) vyielded actionable data for analysis 1580 s sl s sl
(the last time step reported was beyond
. - 11.0 - L ] L]
peak load values at all areas of interest). %
The remaining three simulations that error = 93- ¢ @ —r—0
terminated did so before peak force values g so- ¢ o o o o o o
were observed in the spine (Figure 4). The %: 65- 6 5 o o "+ o o %
simulations that error terminated did so in g
) i 50-@ e e o o El ° a o
the bony and flesh region of the pelvis. If ®
failure strains were enabled, there would 35— ——
have likely been a large amount of element 20-—@
deletion indicating pelvis fracture due to
. . . 0.0_ L} L} 1 ] L] 1] 1] 1 1 1

the high loading rate experienced by the 2 4 6 8 10 12 14 16 18 20
pelvis from the seat. Overall the model Seat TTP (ms)

demonstrated stability in the previously Figure 4. Whole body DOE status for the 51 simulations
reported range of UBB tests, but showed conducted

error terminations at severe loading rates

beyond those tested (> 12.5 m/s; TTP=2, 4 ms). Furthermore, for the normal terminations the simulation
animations showed normal physical responses and the total added mass was less than 1% indicating overall
model stability.

Body Region Results

An overview of the peak forces observed in the lower extremities as function of time-to-peak (ms) and peak
velocity (m/s) are shown in Figure 5. For all simulations conducted, the forces observed in the femur were lower
compared to the forces in the tibia and calcaneus. This is likely due to the use of the SAE J211 coordinate
systems and tibia and calcaneus orientation being in the same loading direction compared to the femur. The
time to peak force (ms) had less of an influence on the peak force compared to the peak velocity (m/s).
Observed forces in the calcaneus and tibia were very similar across all inputs, but the forces in the tibia were
slightly higher (2.49 £ 1.38 kN compared to 2.35 + 1.44 kN).
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Figure 5. Lower extremity (calcaneus, tibia, and femur) results showing the peak force (kN)
response as a function of peak velocity (m/s), time to peak (ms).

In the pelvis, the inferior pubic rami forces were slightly higher compared to the superior pubic rami forces
and there was little variation observed between the left and right sides of the pelvis indicating symmetrical
loading. Again, the time-to-peak velocity (ms) had a smaller effect on the peak force compared to the peak
velocity (m/s). Finally, for forces in the spine, there was a trend of force attenuation moving up the body from
L5-T1 with the exception of higher forces observed in C1 compared to T1. The higher forces observed in C1 are
likely due to the stiffness and damping observed in the neck and the mass of the head. Furthermore, there were
large amounts of neck extension at the C1 level. The greatest forces across all body regions were observed in L5,
L3, and T12. For all body regions (lower extremity, pelvis and spine) variation of time-to-peak did not have as
great an effect on the peak force as the peak velocity did. This can be seen in the appendix figures Figure A1 A
and Figure A1 B. Therefore, for all 51 simulations, the minimum, maximum, and average * standard deviation
force is reported in Table 1 and a boxplot of the force variation across the body regions is shown in the appendix
in Figure A1 C.

Table 1. Overview of minimum, maximum, and average + standard deviation for forces (kN) observed in the
different body regions.

Body Region Min (kN) Max (kN) Avg. £ SD (kN)
Calcaneus 0.34 4,92 235+1.44
Lower Extremity  gjpi 0.44 4.97 2.49 +1.38
Femur 0.21 1.53 0.76 £0.36
] Sup. Pubic Rami ~ 0.22 3.05 1.20+0.71
Pelvis Inf. Pubic Rami  0.28 2.80 1.23+0.55
L5 1.63 9.12 5.83+2.06
L3 1.48 8.47 5.39+1.91
Spine T12 1.47 8.67 5.30+1.90
T6 1.21 5.13 3.57+1.01
T1 0.47 1.41 1.07 £0.23
C1 1.05 3.04 2.51+0.53

IV. DISCUSSION

PMHS component level testing in the UBB environment has been used to develop biofidelic response
corridors [13] and injury risk curves for the leg [14]. However, there has been limited data published for whole
body tests. Bailey et al. conducted a study on a similar blast rig (ODYSSEY) and tested 10 PMHS subjects with
seat peak velocities ranging from 4.6 to 10.4 (m/s) with a time-to-peak of 4.8 to 9.1 (ms). Floor peak velocities
ranged from 4.6 to 10.8 with time-to-peak ranging from 4.1 to 6.7 (ms) [20]. Acceleration data was recorded
using accelerometers mounted on the pelvis, distal femur, and distal tibia and pelvis velocity was also
calculated. Pelvis acceleration ranged from 100 to 368 (G’s) while pelvis velocity ranged from 1.7 to 6 (m/s). The
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observed pelvis accelerations from the GHBMC M50-0 were 23 to 714 G’s and the velocities ranged from 1.4 to
9.9 m/s. The PMHS tibia accelerations ranged from 117 to 510 G’s and the GHBMC M50-0 tibia accelerations
ranged from 21.3 to 355.9 G’s. While this does not serve as a direct comparison or validation since the test
setups were different and used different input traces, the ranges observed by the GHBMC model indicate it is
able to capture a wide range of responses and is generally in agreement with PMHS test subjects. The higher
values observed in the pelvis are likely due to the extension of the sample space beyond published literature
values. The higher forces observed in the tibia compared to the calcaneus are consistent with previously
published studies when boot use was present [13,15]. The higher forces observed in the inferior region of the
pelvis compared to the superior parts are hypothesized due to the proximity to the seat and high rate loading.
Visual inspection of simulation animations showed high amounts of neck extension and could contribute to the
higher amounts of forces observed at the C1 level compared to T1. Time-to-peak velocity did not have as great
an effect on the peak force as the peak velocity did. This indicates the model may not be as sensitive to the
loading rate, but rather the total amount of energy that is imparted into the system.

There are limitations to note about the study. First, the study does not serve as a validation but rather an
assessment of the suitability of the GHBMC model for use in this environment. The model is generally stable in
all but the most severe loading conditions and appears to provide biomechanical data generally in the range of
prior studies. However, since failure was not considered for most long bones, the forces observed will be higher
than if element deletion is allowed, but large amounts of element deletion due to failure can lead to model
instabilities. Next, further study of the material of some of the points of interaction with its environment may be
needed. The lower tibia accelerations observed compared to the Bailey et al. PMHS study [20] could be due to
the material model in the GHBMC heel pad. Previous studies have indicated that the heel pad is sensitive to high
rate loading and the native material in the model has limitations in this environment [29]. Furthermore, the
GHBMC M50-0 is “ageless” meaning that while the material definitions and curves used in the model are based
on previous component level or whole body tests, the materials come from a wide range of sources and do not
represent a younger, active military personnel. PMHS testing is often done on older, male cadavers and
therefore the force response could vary with material models based on younger subjects. Additionally, the time-
to-peak is extremely short relative to automotive applications and more rate dependent material models may
need to be implemented to accurately capture the loading response for these short high rate periods.

V. CONCLUSIONS

The GHBMC M50-0 was used to simulate a range of UBB inputs and analyze force variation as a function of
velocity in key body regions. C1 experienced higher loads compared to T1 pointing to countermeasures which
could be introduced for soldier protection. Overall the model was generally stable and error terminated at
severe loading rates (12.5 m/s at 2 ms TTP). Furthermore, the model proved suitable for use in this environment
through donning of the military boot, positioning from native, reclined, automotive posture to 90-90-90 seated
posture, and belting with the five point harness. Component level tests have been completed using PMHS and
ATDs in UBB, whereas the novelty of this study is the use of a human body model in the same environment. The
results from this study can be used to compare to physical ATDs designed for the UBB environment, to assess
localized injury criteria through element failure or finally used with established PMHS based risk curves to
correlate injury risk.
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VIII. APPENDIX

Figure A1 A and Figure Al B show the pelvis and spine peak force response as a function of peak velocity (m/s)
and time-to-peak (ms). Figure Al C shows a boxplot of the peak forces for all body regions of interest for all 51
simulations (compilation of all peak velocities and time-to-peak ranges).
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Figure Al A. Peak force response for the superior and inferior pubic rami as a function of peak velocity (m/s) and
time-to-peak (ms).
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Figure Al B. Peak force response for the spinal region as a function of peak velocity (m/s) and time-to-peak
velocity (ms).
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Figure Al C. Box plots of peak force response for body regions of interest. The solid line represents the median
value in the dataset
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