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GRAPHICAL ABSTRACT
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ABSTRACT

Computational human body models (HBM) present a novel approach to predict brain response
in football impact scenarios, with prescribed kinematic boundary conditions for the HBM skull
typically used at present. However, computational optimization of helmets requires simulation
of the coupled helmet and HBM model; which is much more complex and has not been assessed
in the context of brain deformation and existing simplified approaches. In the current study, two
boundary conditions and the resulting brain deformations were compared using a HBM head
model: (1) a prescribed skull kinematics (PK) boundary condition using measured head kinematics
from experimental impacts; and (2) a novel detailed simulation of a HBM head and neck, helmet
and linear impactor (HBM-S). While lateral and rear impacts exhibited similar levels of maximum
principal strain (MPS) in the brain tissue using both boundary conditions, differences were noted
in the frontal orientation (at 9.3 m/s, MPS was 0.39 for PK, 0.54 for HBM-S). Importantly, both PK
and HBM-S boundary conditions produced a similar distribution of MPS throughout the brain for
each impact orientation considered. Within the corpus callosum and thalamus, high MPS was
associated with lateral impacts and lower values with frontal and rear impacts. The good
correspondence of both boundary conditions is encouraging for future optimization of helmet
designs. A limitation of the PK approach is the need for experimental head kinematics data, while
the HBM-S can predict brain response for varying impact conditions and helmet configurations,

with potential as a tool to improve helmet protection performance.
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1. INTRODUCTION

Improvements to football helmets and mitigation of head injury can be informed by predicting
head and brain responses in helmeted impacts, but require an accurate representation of the
impact conditions. Specifically, finite element (FE) models of the human head can be used to
estimate the deformation of the brain in football impact scenarios, based on measured or
estimated head kinematics. The results of these simulations have been assessed using a variety
of proposed brain deformation metrics, all of which have shown some degree of correlation with
observed concussions (Beckwith et al., 2018; Hernandez et al., 2015; Kleiven, 2007; McAllister et
al., 2012; Patton et al., 2015, 2013). While there is no consensus on which brain deformation
metric is best for predicting concussion, one of the most commonly used metrics to quantify brain
deformation is the maximum principal strain (MPS) of the brain tissue. This metric is thought to
be predictive of injury severity (Hernandez et al., 2015; Jin et al., 2017; Kleiven, 2007; McAllister
et al., 2012; Patton et al., 2015, 2013; Post et al., 2013; Viano et al., 2005) and therefore may be
useful for evaluating helmet performance in a simulation environment. Furthermore, rotationally
induced strains leading to stretching and disruption of axons is a theorized mechanism of
concussion (Gennarelli, 2015; Ommaya and Gennarelli, 1974), which may be captured in part by
MPS. When compared to MPS, another proposed brain deformation metric, the cumulative strain
damage measure (CSDM), has not been as strongly related to concussion (Giordano and Kleiven,
2014; Hernandez et al., 2015; Kleiven, 2007; Patton et al.,, 2015). CSDM is defined as the
percentage of brain tissue volume that exceeds a certain strain threshold. Previous studies have
shown that brain deformation is induced primarily by angular motion (Beckwith et al., 2018;

Kleiven, 2007) because the brain deforms primarily in shear. It is thought that brain deformation
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metrics may be better indicators of helmet performance than metrics solely based on the
kinematics of the skull (Gabler et al., 2018), as the link between head kinematics and concussion
is even less strong than the link between brain deformation and concussion (Hernandez et al.,
2015). Consequently, evaluating helmets by computing brain deformation using HBM has been

of increasing interest in the literature (Post et al., 2018, 2013).

A common method to determine the impact conditions relevant to head impact in football
involves experimentally reconstructing helmeted impacts with an anthropometric testing device
(ATD), and prescribing the measured head kinematics to a head FE model (“prescribed skull
kinematics” (PK) boundary condition). The linear impactor experiment (Elkin et al., 2018; Post et
al., 2013; Rousseau et al.,, 2010) is often used to re-create impact scenarios in a laboratory
environment, which uses a coasting pneumatic ram to strike the head and neck of a Hybrid Il
ATD at a prescribed velocity. The ram is constrained to translate in one direction, and the ATD
head and neck are mounted on a sliding table that can translate in the same direction as the ram.
The measured head kinematics from the impact are then applied to the skull of a FE model of the
human head (Figure 1Figure—2a). While this PK boundary condition is effective for investigating
the performance of existing helmet designs or re-creating concussive impact events, investigating
improvements to a helmet design requires building and testing a physical prototype to measure
the required head kinematics, which can be costly and time consuming. The PK boundary
condition is efficient for determining brain deformation in many impact orientations (Elkin et al.,
2018). However, the biofidelity of the ATD neck is often cited as a limitation (Elkin et al., 2018)
owing to the simplified structure and high stiffness relative to the human neck in some loading

scenarios.
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Figure 1 Lateral impact at 9.3 m/s, FE model with prescribed kinematics from experimental testing with Hybrid
Il head and neck (prescribed skull kinematics, PK) (a), and integrated HBM with helmet subjected to linear impact
(simulated human body motion, HBM-S) (b)

A novel method to determine head kinematics is by reconstructing helmeted impacts
computationally using a detailed human body model (HBM) coupled with a computational
helmet model (Figure 1Figure-1b), which can provide additional anatomical detail compared to
an ATD (Bruneau and Cronin, 2019). Furthermore, this simulated human body motion (HBM-S)
boundary condition can be used as a testbed to make improvements to helmet design by allowing
rapid iteration of helmet geometry and properties, and can be used to assess the interaction of
effects that may be obscured by using a PK boundary condition. It has been shown that the head
kinematics of the HBM are comparable to those of the ATD over short time frames (Bruneau and
Cronin, 2019); however, it is possible that the neck could have an effect on brain response, which
takes longer to reach maximum values relative to the kinematic responses (Sanchez et al., 2018).
A common first step in assessing a HBM in a new impact scenario is by comparing responses to

those of an ATD (Danelson et al., 2015; White et al., 2014). Previous studies have considered the
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head and neck (Bruneau and Cronin, 2019), or the full body impacts (Darling et al., 2016). These
studies have predominantly used the Global Human Body Models Consortium (GHBMC) HBM
(Bruneau and Cronin, 2019; Darling et al., 2016; Jin et al., 2017), a modern HBM with extensive
experimental validation (Barker et al., 2017; Barker and Cronin, 2020) and a representation of

passive and active neck muscle (Bruneau and Cronin, 2019).

When computing the brain response in a football helmet impact, it may be important to consider
regional brain responses and multiple impact orientations. Some studies have suggested that the
deep, inner regions of the brain are better predictors of concussion relative to other brain regions
(Hernandez et al., 2015; Patton et al., 2015, 2013; Viano et al., 2005). Among these regions is the
corpus callosum, which has been frequently found to be associated with concussion in the
literature (Giordano and Kleiven, 2014; McAllister et al., 2012; Patton et al., 2015, 2013; Viano et
al., 2005; Zhao et al., 2017), and the strain threshold for concussion in the corpus callosum is
frequently found to be lower than the cerebrum white matter (Beckwith et al., 2018; Giordano
and Kleiven, 2014; Kleiven, 2007; Patton et al., 2015). The thalamus (Giordano and Kleiven, 2014;
Patton et al., 2015; Zhang et al., 2004) and midbrain (Giordano and Kleiven, 2014; Viano et al.,
2005; Zhang et al., 2004) have also been associated with concussion. Another important factor
in head impact is the impact orientation, with coronal plane rotation consistently leading to more
brain injuries than sagittal plane rotation (Gennarelli et al., 1982; Lessley et al., 2018; Patton et
al., 2013). The orientation sensitivity of concussion could be attributed to more sensitive brain
regions, such as the corpus callosum, being affected more by coronal plane rotation than sagittal
plane rotation (Hernandez et al., 2019). Surprisingly, previous HBM-S impact studies have not

examined brain deformation in multiple impact planes (Darling et al., 2016; Jin et al., 2017).



10

11

12

13

14

15

16

17

18

19

20

21

22

Differing conclusions regarding the effect of neck muscle activation on head kinematics in
football helmet impacts have been reported; from increasing head acceleration (Schmidt et al.,
2014), to reducing head angular velocity and brain deformation (Jin et al., 2017), or showing no
consistent effect on kinematics for varying head impact orientations (Bruneau and Cronin, 2019;
Eckersley et al., 2020). Head kinematics at short durations (<40 ms post impact) have been shown
to be mostly unaffected by active musculature (Bruneau and Cronin, 2019; Eckersley et al., 2020),
but it is possible that the longer timeframe required for brain strains to develop results in active
musculature having a larger effect on the brain response. The HBM-S boundary condition has not
been widely evaluated in the literature to date, and has not been specifically compared to the PK

boundary condition for predicted brain deformations.

The aim of the current study was to compare the brain response of a contemporary HBM using
two impact boundary conditions: prescribed skull kinematics (PK) (Figure 1a) and simulated
human body motion (HBM-S) (Figure 1Figure-1b) for six different impact cases. The PK boundary
condition was applied using available experimental data, and a HBM was coupled with a detailed
football helmet model (Corrales et al. 2019, Bustamante et al. 2019) and subjected to a linear
impactor test condition for the HBM-S method. In addition, two neck muscle activation schemes
were investigated for the HBM-S, representing a maximally and minimally tensed neck. The brain
response was assessed using maximum principal strain (MPS, 95™ Percentile) and cumulative
strain damage measure (CSDM), for the whole brain, then in the corpus callosum, thalamus and
midbrain, which have previously been linked to the risk of concussion (Hernandez et al., 2015;

Patton et al., 2015, 2013; Viano et al., 2005).
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2. MATERIAL AND METHODS

The GHBMC 50™ percentile male head (Mao et al., 2013) and neck (Barker and Cronin, 2020)
models were used in the current study. The measured head kinematics from linear impactor
experiments with a contemporary football helmet (model: X2E 2016, size large, make: Xenith,
LLC, Detroit, MI, USA) were applied to the isolated head model for the PK boundary condition,
while the head and neck model was fitted with an FE model of the same Xenith X2e helmet as
the experiment (Model Version 1.0, (Cronin et al., 2018)) and the integrated model was subjected
to simulated linear impactor testing for the simulated human body motion (HBM-S) boundary
condition. All models were solved using a commercial explicit FE code (LS-DYNA R7.1.2, LSTC,

Livermore, California).

2.1. Impact Configurations

Six impact conditions (Lateral, Frontal and Rear, at 5.5 m/s and 9.3 m/s impact velocity) were
investigated in the current study (Figure 2Figure—2), which were considered because head
motions remained mostly in the coronal plane (lateral) or sagittal plane (frontal, rear), to induce
distinctly different patterns of brain deformation (Meaney and Smith, 2012). The configuration
of each impact orientation has been described previously (Giudice et al., 2018). An interval of 60
ms after initial contact with the impactor (t = 0) was analyzed for all impact scenarios, to allow
the brain deformation metrics to fully develop over the course of the impact (Sanchez et al.,
2018). This choice of interval also ensured that no secondary impacts between the helmet and

fixture occurred.

10
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Figure 2 Matrix of simulation cases, showing six prescribed skull kinematics (PK) and twelve simulated human
body motion (HBM-S) impact configurations. Three impact orientations were examined at two impact speeds for
both conditions. Two muscle activation schemes were used for each speed and impact orientation for the HBM-S
simulations.

2.2. Head and Brain Model

The brain model comprised 8 regions (Figure 3Figure-3). In addition to calculating whole brain
values for strain metrics, 3 brain regions that have been most often correlated with observed
concussion were considered in the current study (corpus callosum, thalamus, midbrain). The
brain model used a Kelvin-Maxwell viscoelastic model for the brain tissue, with different stiffness

for the white matter, grey matter and brainstem (Mao et al., 2013).

Maximum principal strain (MPS) was calculated from the brain model for each impact scenario,
using logarithmic strain. The 95" percentile MPS has been proposed as an alternative to the 100t
percentile principal strain (Elkin et al., 2018; Gabler et al., 2018; Panzer et al., 2012), to prevent

a single element within the brain model from dominating the response. Additionally, it has been

11
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shown that 95™ percentile MPS provides improved correlation with kinematic injury metrics
compared to the 100t percentile value (Gabler et al., 2016), although both measures result in
similar trends. The 95™ percentile strain of each brain region was calculated separately, and the
95t percentile strain of the whole brain was calculated for all regions. Cumulative strain damage
measure (CSDM), which is a measure of the proportion of elements that have exceed a certain
threshold of MPS over the course of the impact, varying from 0.0 (no elements) to 1.0 (all
elements) was calculated for each impact scenario. A threshold of 0.15 was used, which has been
shown to be a good predictor of concussion (Sanchez et al., 2018) and diffuse axonal injury
(Takhounts et al., 2003). In addition to the whole brain, CSDM was calculated for the corpus
callosum, the thalamus and the midbrain regions. The time history of both MPS and CSDM were
reported, similar to some previous FE studies of the brain (Darling et al., 2016; Kleiven, 2007), to
highlight differences between the methodologies that may be obscured by simply reporting peak

values.

Section A-A Section B-B

Cerebrum - Grey Matter

Cerebrum — White Matter

1

Brainstem — Midbrain f
Cerebrum - Grey Matter

Cerebellum

Brainstem

Figure 3 Brain regions in the HBM head. MPS and CSDM were considered for the whole brain, and for the corpus
callosum, thalamus and midbrain regions.
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2.3. Prescribed Skull Kinematics (PK) Boundary Condition

A series of experimental linear impactor tests were previously performed on a helmeted Hybrid
Il head and neck ATD following the NFL linear impactor test protocol (Funk et al., 2017), using
the same modern football helmet (Xenith X2e) (Corrales et al., 2019) as the HBM-S impacts. A
single experimental trial was conducted for each configuration, due to the low variability in these
experiments (Pellman et al., 2006). The time histories of the angular and linear head velocity
measured from the experiments were filtered with a CFC 180 filter (Newman et al., 2005) and
applied to the isolated GHBMC head model. The skull of the head model was treated as rigid
within the model in order to prescribe rigid-body kinematics to the head center of gravity, as has

been done in previous studies (Sanchez et al., 2018; Zhang et al., 2004).

2.4. Simulated Human Body Motion (HBM-S) Boundary Condition

The GHBMC HBM has been previously verified and validated at the cervical spine level (Barker et
al., 2017) and the full neck level (Barker and Cronin, 2020; Fice et al., 2011; Panzer et al., 2011).
For the current study, vertebral fracture and skull fracture were disabled in the HBM. The
boundary conditions for the HBM simulation matched those of the ATD experiment (Bruneau
and Cronin, 2019), with translation of the first thoracic vertebrae (T1) only allowed in the global
X direction, and mass added to T1 matching the mass of the carriage in the ATD experiment. In
addition, the impactor mass and constraints used in the HBM simulations matched those of the
ATD experiment (Funk et al.,, 2017). The impactor model consisted of an elastic end cap, a

13
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hyperelastic, viscoelastic foam material and a rigid backing plate and was validated at the
material and subassembly level prior to validation in 8 bare-head linear impactor experiments
(Giudice et al., 2018). The impactor was positioned with the same offsets relative to the head
center of gravity as in the linear impactor experiments (Bruneau and Cronin, 2019). After coasting
for the first 30 ms after the initial contact with the helmet, the impactor braking system was
simulated by prescribing the impactor deceleration from the experiment. The head kinematics
(velocity and acceleration, both angular and linear) from the simulations were filtered using CFC
180, as was done for the experimental kinematics, and can be found in Supplemental Materials

C-F.

The open-source 2016 Xenith X2e helmet FE model used for the HBM-S impacts (Cronin et al.,
2018)previously achieved excellent correspondence with experiments at the sub-assembly
(Bustamante et al., 2019) and full helmet (Corrales et al., 2019) level. Fitting the helmet model to
the HBM head required two pre-simulations (Bruneau and Cronin, 2019). In the first pre-
simulation, a scaled representation of the skin geometry of the HBM head and neck was centered
inside the helmet and expanded to the actual size and position, while the helmet moved freely.
A second pre-simulation was used to tighten the helmet straps and locate the helmet in the final
position, which matched the measurements taken prior to the ATD experiment. No pre-stress or
pre-strain was carried over from the pre-simulations to the main simulation, as the helmet

material strains were small (e.g. always less than 0.1 for the comfort foam).

Two muscle activation schemes were investigated in the current study. The “No Activation”
scheme included only the passive muscle properties in the neck. The “Balanced Activation”

scheme used a constant level of activation for the flexor and extensor muscles, with a 0.145:1

14



ratio of extensor to flexor activation, so that the neck was tensed and the head was stationary at
the time of impact. A maximum activation level of 0.87 was used for the flexor muscles, which
represents a very high level of muscle activation within physical limits (Bruneau and Cronin,
2019). With both muscle activation schemes, the head angle (using the Frankfort plane of the
HBM), the neck angle (fitting a regression line through the center of mass of the 7 vertebrae of
the HBM neck) and the head COG position of the HBM were matched with the ATD experiment
(Bruneau and Cronin, 2019). The muscles were activated 80 ms prior to impact, to allow the head

to reach equilibrium prior to impact (Vres< 0.05 m/s, wres< 0.15 rad/s).

15
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3. RESULTS

The PK boundary condition was first compared to the HBM-S with no muscle activation, in Section
3.1, 3.2 and 3.3. Selected strain metrics are reported in the manuscript, while the complete time-
histories for strain metrics and kinematics are given in Supplemental Materials A-F. All reported

strains in the article text refer to 95 percentile MPS.

The deformation of the brain followed a similar pattern in the PK and HBM-S simulations, where
deformation of the inner regions of the brain lagged behind the outer regions, inducing shear
strain (Figure 4Figure—4). In all lateral impacts, the corpus callosum, thalamus, and midbrain
rotated predominantly in the coronal plane while in the frontal and rear impacts, these brain
regions rotated in the sagittal plane. The space between the hemispheres of the brain was visibly
curved in the coronal plane view of the brain in the lateral impact and the corpus callosum was
visibly sheared compared to the frontal impact (Figure 4Figure-4). The direction of this curvature

reversed later in time, corresponding with the second peak of MPS (Figure 5Figure-5).

16
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Figure 4 (a-b) Section planes through the brain model, following the same color scheme for brain regions as in
Figure 3. (a) Transverse plane, (b) Coronal plane. (c-f) Peak maximum principal strain (MPS), simulated human
body motion (HBM-S) impact at 9.3 m/s with no muscle activation. (c) Frontal impact, transverse plane, (d) Frontal
impact, coronal plane (e) Lateral impact, axial plane, (f) Lateral impact, coronal plane. The coronal slices passed
through the regions of maximum strain in both the frontal and lateral impact. The axial slice passed through the
region of maximum strain in the lateral impact.

3.1. Whole Brain Response Metrics

The time response of MPS had two distinct peaks (Figure S5Figure-5) for both the PK and HBM-S
simulations, where the first peak corresponded to a maximum shear deformation and the second
peak represented a similar deformation in the reverse direction. The first peak occurred between
15 and 32 ms, and the second peak occurred between 40 and 60 ms. In the lateral impacts, the
time between peaks was typically shorter compared to the frontal and rear (sagittal plane)

impacts.

17
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While the location and timing of peak 95" percentile MPS were similar with HBM-S and the PK

boundary conditions (Table 1Table), the HBM-S exhibited predominantly higher values of whole

brain MPS (from 0.25 to 0.54) relative to the PK boundary condition (from 0.20 to 0.40).

Differences in MPS were largest (up to 0.14) in the frontal impact, where higher values of head

angular velocity were observed (Table 1Fable-1). No clear dependence on impact orientation was

observed in whole brain MPS when comparing sagittal plane (frontal and rear) to coronal plane

(lateral) impacts. In terms of timing, the maximum value of MPS typically occurred before the

maximum angular velocity (Table 1Tabled and Table 2Fable2). In most simulations, the first peak

of MPS was the highest value of MPS, however in a few cases the second peak was higher (e.g.

HBM-S frontal 5.5 m/s, PK rear 9.3 m/s).
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Figure5 9.3 m/simpact, 95 Percentile Maximum Principal Strain in the (a) lateral, (b) frontal, and (c) rear impact
directions.

95th Percentile MPS — Time of

95th Percentile MPS Maximum Value (ms)
HBM-S, HBM-S,
HBM-S, No  Balanced HBM-S, No  Balanced

Orientation Speed PK Activation Activation PK Activation Activation
Lateral 55m/s  0.33 0.33 0.28 21 22 18
9.3m/s | 0.49 0.48 0.40 18 18 17
Frontal 55m/s 0.34 0.32 0.22 54 53 32
9.3m/s | 0.54 0.54 0.39 24 23 29
Rear 55m/s 0.26 0.25 0.20 22 23 18
9.3m/s | 0.41 0.37 0.38 23 21 47

Table 1 95" Percentile MPS peak values and timing for the whole brain.
with darker red indicating high peaks and

indicating lower peaks.
indicat maximum in the second
peak

CSDM followed similar trends to MPS for both the PK and HBM-S impact simulations. However,
the CSDM results varied more between boundary conditions than MPS, with CSDM differences

between the PK and HBM-S ranging from -0.15 to +0.27 (Error! Reference source not found.Table

3Table—3). The greatest difference was observed in the frontal orientation at 5.5 m/s.
Interestingly, CSDM often increased in a stepwise manner after approximately 30 ms of

simulation time (Error! Reference source not found.Fable-2). The increases in whole brain CSDM

after 30 ms were generally not large, with only three out of 18 simulations exhibiting a CSDM

change greater than 0.10.

19
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1 Figure 6 9.3 m/s impact, Cumulative Strain Damage Measure with a strain threshold of 0.15 (CSDM15) in the
2  frontal orientation.

Resultant Peak Angular Velocity (m/s)
HBM-S,
HBM-S, No  Balanced

Speed PK Activation Activation
55m/s 29.7 325 29.9
93m/s | 48.8 46.1 44.6
55m/s 220 313 34.4
93m/s  41.5

55m/s 23,5 233 25.4
93m/s 406 379 40.1

3
Orientation
Lateral
Frontal
Rear

4

5

6

7

8 value.-

9
Orientation
Lateral
Frontal
Rear

10

11

12

Resultant Angular Velocity - Time of Peak Value

(ms)

PK
25
21

31
38
24

HBM-S,

HBM-S, No  Balanced
Activation Activation
26 23

26 24

30 30

26 27

24 25

IS 23

Table 2 Angular velocity peak values and timing. Peak values and timing are color-coded with a gradient color
scheme, with darker red cells values-indicating higher peaks and white-lighter red cells values-indicating lower
peaks. For the time of peak value,-Dark-green -values-indicate-maximum-in-thefirst-peakyellow-darker blue cells
indicate indicates-maximum-in-the-second-peaka later peak value and lighter blue cells indicate an earlier peak

CSDM15

HBM-S, No
Speed PK Activation
55m/s 0.13 0.17
9.3m/s | 0.60 0.46
55m/s 0.14 0.41
9.3m/s  0.59 0.75
5.5m/s 0.09 0.19
9.3m/s  0.58 0.52

HBM-S,
Balanced
Activation

0.18
0.47
0.48
0.75
0.23
0.58

Increase in CSDM15 after 30ms

HBM-S,

HBM-S, No  Balanced
PK Activation Activation
0.03 0.02 0.02

0.03 0.02
0.05
0.05 0.04 0.03
0.01 0.00 0.01
0.10 0.02 0.01

Table 3 CSDM15 peak values for the whole brain (measured at 60ms), and the increase in CSDM that occurs
between 30ms and 60ms of simulation time. Peak values are color-coded with a gradient color scheme, with
darker red values—cells indicating higher values —peaks-and white—lighter red wvalues—cells indicating lower
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3.2. Regional Brain Response Metrics

The PK and HBM-S simulations had a similar distribution of strain throughout the brain in each
impact orientation (Figure 7Figure-7). In the sagittal plane impacts (frontal and rear), MPS was
consistently lower in the corpus callosum, thalamus and midbrain when compared to the lateral
impact. In the lateral impacts of the HBM-S at 9.3 m/s, the peak MPS in the corpus callosum was
always equal to the whole brain MPS, while the MPS in the thalamus and midbrain were 0.14
(29%) and 0.19 (40%) lower than the whole brain MPS respectively (Figure 7Figure—7). In the PK
simulations, the MPS in the corpus callosum was equal to the full brain MPS as well, while the
MPS in the thalamus was 0.04 (11%) lower than the whole brain MPS and the MPS in the midbrain
was 0.08 (20%) lower than the full brain MPS. Further, in the frontal and rear impacts, the MPS
in the inner brain regions was 0.19 to 0.26 (44 — 53%) lower than the whole brain MPS for the
HBM-S impact, and 0.12 to 0.21 (31 — 53%) lower for the PK boundary condition. Despite the
higher variability of CSDM, all lateral impacts had consistently higher values of CSDM in the inner
regions of the brain than frontal and rear impacts (Supplemental Materials B). Notably, CSDM in
certain brain regions had larger increases (up to 0.2) than whole brain CSDM after 30 ms; for
example in the corpus callosum and thalamus in the frontal impact at 9.3 m/s (Figure 6Figure-6),

which has a large increase in CSDM after 40 ms.
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Figure 7 9.3 m/s impact, maximum value of 95" percentile MPS in each brain region across impact orientations

3.3. Effect of Balanced Muscle Activation

Within the HBM-S impacts, very small increases in peak whole brain MPS (up to 0.04) were
observed with balanced muscle activation compared to the “no activation” condition (Table
1Table—1). The increase in MPS due to balanced muscle activation was smaller in the lateral
orientation (increase of 0.01 in 9.3 m/s impact) compared to the frontal and rear orientations.
Whole brain CSDM (Table 3Fable-3) exhibited larger increases due to muscle activation than MPS,
but these were still small with a maximum increase of 0.07 observed in CSDM. There was no

notable change in the magnitude or timing of angular acceleration with muscle activation (Table

3).
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4. DISCUSSION

4.1. Comparison of Prescribed Skull Kinematics (PK) and Simulated Human Body Motion

(HBM-S) Whole-Brain Response

Overall, the HBM-S simulations predicted a similarly shaped MPS response curve to the PK
boundary condition, with both simulation conditions exhibiting a bimodal response. However,
the PK boundary condition generally predicted lower peak values of whole brain MPS than the
HBM-S. The largest differences in whole brain MPS were observed in the frontal orientation (PK
boundary condition predicted 0.09 to 0.14 lower MPS), where the sagittal angular velocity
exhibited larger differences with the two boundary conditions. Smaller differences were
observed in the lateral and rear orientations. In general, the peak angular velocity and
acceleration were lower for the PK boundary condition (Table 2Fable-3, Supplementary Materials
C-D). The general trend of higher angular velocity magnitude for the HBM-S simulations was
attributed to the longer neck of the HBM, and that the simulated helmet and impactor, while
achieving excellent kinematic correlation with 60 experiments (Corrales et al., 2019) generally
predicted slightly higher peak head kinematics than the experiment. As for the larger discrepancy
in the frontal orientation, it has been previously shown that the head motion in this impact
orientation can be influenced by the contact surface with the impactor (Giudice et al., 2018),
which can be sensitive to small changes due to stick-slip between the impactor and facemask
(Bruneau and Cronin, 2019), while the other two orientations had contact only between the
smooth helmet shell and impactor cap. Accordingly, frontal linear impacts occurring
predominantly in the sagittal plane have been shown to result in more widely varying angular

kinematic responses than other orientations, with reported variations up to a factor of 3 in head
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angular acceleration observed between different helmets (Post et al.,, 2018). The good
correspondence of MPS with both boundary conditions suggests that HBM-S impacts could be

used to evaluate changes in MPS resulting from design changes to helmets.

Although injury thresholds have been proposed for computational brain models, the actual
threshold values vary between different brain models (Ji et al., 2014; Post et al., 2013). The
purpose of the current study was not to quantify the risk of concussion for the two boundary
conditions considered, but to compare the variation in strain response when considering two
boundary conditions for the same head model. The strain levels in the current study can be
compared to the 95th percentile MPS computed for the NFL concussion reconstructions with the
GHBMC head model (Sanchez et al., 2018), which found that the median 50% of NFL concussions
had whole brain 95th percentile MPS between 0.3 and 0.43 (with a total range of 0.11 to 0.69).
In the current study, MPS for the 9.3 m/s impacts, which is the mean impact speed for NFL
concussions (Pellman et al., 2003), ranged from 0.38 to 0.40 for the PK boundary condition and
from 0.37 to 0.54 for the HBM-S. The whole brain 95th percentile MPS was, on average, 0.07
higher for the HBM-S impact than with the PK boundary condition, which did not constitute a
large change in injury metric considering the range of MPS in the NFL concussion reconstructions.
Other studies have found an even greater range of variability in strain metrics for concussion and
non-concussion outcomes (Beckwith et al., 2018; Hernandez et al., 2015). However, if using the
HBM-S impact to optimize a helmet design, the systematically higher MPS for the HBM-S impact
could result in a slightly different design outcome from what would be optimal for the PK

boundary condition. However, it is perhaps more important that both simulation methods
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1  exhibited a similar regional distribution of strain throughout the brain in each impact orientation,

2 andsimilar relative magnitudes comparing impact orientations for both boundary conditions.

3 The current study found that the maximum value of MPS often, but not always, occurred before
4 40 ms for both simulation conditions. The MPS of the whole brain exhibited a response with two
5 peaks, with each peak corresponding with oscillatory shear deformation of the brain in opposite
6 directions. The shear deformation of the brain is known to be caused primarily by rotational
7  kinematics (Beckwith et al., 2018; Kleiven, 2007), because the initial rotation of the inner regions
8 of the brain tends to lag the outside of the brain, corresponding with the first strain peak. The
9 second peak corresponds a reversal of the brain deformation, due to the pre-stretch at the first
10 peak (Figure 8Figure-8), and in various cases the second strain peak was either increased or

11  reduced by the continued input kinematics to the head.
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14 Figure 8 Progression of MPS in a frontal helmeted impact of the HBM (HBM-S, no activation) at 9.3 m/s. The
15 visible shearing of the cerebrum grey and white matter elements in the center of the cranial fissure is highlighted.
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Though the first peak corresponded to the maximum value of MPS in most impact cases, the
second peak later in time was higher in some cases for the rear and frontal impacts,
demonstrated by the much later timing of the maximum value of MPS (Table 1Fable—21). The
authors offer a potential explanation for this phenomenon with vibration theory (Laksari et al.,
2018). The brain, like all structures, has resonant, or natural frequencies, and if an external
oscillatory force has a similar frequency to one of the natural frequencies, the amplitude of brain
deformation will increase. In the cases with a higher second MPS peak, the angular acceleration
of the head resembles a sinusoid with a similar frequency to the resonant frequency of the brain,
for example in the frontal impact of the HBM-S at 5.5 m/s (Figure 9Figure-9a). A previous study
(Laksari et al., 2018) found that the natural frequency of the KTH brain model was approximately
20 Hz in the sagittal plane, or had a natural period of 50 ms. The GHBMC brain model in the
current study had a similar natural period when estimated graphically; in the frontal HBM-S at
5.5 m/s, the strain peaks were 24 ms apart with balanced activation and 28 ms apart with no
muscle activation (Figure SFigure-9a). The natural period for MPS was therefore estimated as
twice the distance between the strain peaks, and thus the natural frequency was in the range of
18 to 21 Hz. For the PK boundary condition (5.5 m/s, frontal impact), two distinct angular
acceleration peaks were not observed (Figure 9Figure-Sb), and therefore did not produce a high
second peak in MPS. In this case, the angular acceleration had two peaks in the same direction
approximately 30 ms apart, and thus partially offset the brain deformation caused by the initial
impulse. This result implies that impact cases with a reversal in angular acceleration shortly after
the initial impulse could exhibit higher MPS later in time, following the initial impact. Situations

in football where there are two head impacts in quick succession may contribute to increased
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strains coinciding with the second peak if the head angular acceleration is close to the natural
frequency of the brain, and therefore the frequency content of the head angular kinematics may

be an overlooked contributor to concussions (Wu et al., 2018).
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Figure 9 5.5 m/s frontal impact: whole brain MPS (a), and Y-angular acceleration with overlaid sinusoid at 20 Hz
(b). The HBM-S impacts exhibited a near-sinusoidal angular acceleration trace close to the theorized natural
frequency of the brain, while the angular acceleration in the PK case did not have a near-sinusoidal angular
acceleration trace.

CSDM always reached maximum values after 40 ms, despite many previous studies considering
only a 30 — 40 ms interval after impact (Sanchez et al., 2018). While the increases in CSDM after
40 ms were often small, CSDM nearly doubled in some brain regions after 40 ms (Figure 6Figure
6). This, in addition to the occurrence of peak MPS after 40 ms in some simulations in the current
study, reinforces the assertion made by Sanchez et al., that considering brain deformation after
40 ms is important when simulating the brain in using kinematics from impact reconstructions
(Sanchez et al., 2018). The shorter interval used in previous studies is one potential contributor
to the weaker correlation of CSDM with observed concussions, in addition to the known

sensitivity of CSDM to the chosen strain threshold. The current study also suggests that CSDM is
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more sensitive than MPS to small differences in head kinematics. The sensitivity likely occurs
when the strain throughout the brain is close to the threshold strain, where relatively small
changes in the actual strain can cause large jumps in CSDM. Additionally, the higher sensitivity of
smaller brain regions can be explained by the presence of fewer elements compared to the whole
brain; strain is typically more uniform over a smaller region and for a single element, CSDM will
be maximally sensitive, equal to either 0 or 1. In summary, CSDM scales less linearly than MPS,
especially in smaller brain regions, and the observed high sensitivity to small differences in input
kinematics has been a suspected contributor to the lower correlation of CSDM with concussion
than MPS observed in previous studies (Giordano and Kleiven, 2014; Hernandez et al., 2015;
Kleiven, 2007; Patton et al., 2015). CSDM is based on the hypothesis that diffuse axonal injury is
associated with the cumulative volume of brain tissue experiencing tensile strains over a certain
threshold (Takhounts et al., 2003). However, proposed thresholds for CSDM vary considerably
and past methods that have linked kinematics to measured concussions, such as impact
reconstructions (Pellman et al., 2003; Sanchez et al.,, 2018) and instrumentation of players
(Beckwith et al., 2018) have inherent error in the measured kinematics. In the future, it is possible
that a discontinuous, sensitive metric with a well-defined threshold and precise input kinematics
may be an excellent predictor of concussion. However, such metrics do not currently exist and
until reliable injury thresholds are introduced, it may be better to use a continuous metric such
as MPS to evaluate injury severity from brain models, where the variations in input kinematics

translate more predictably to the output strain metric.

4.2. Regional Brain Response Metrics
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While the relative magnitudes of whole brain MPS were typically higher in the HBM-S impacts
compared to the PK boundary condition, both boundary conditions predicted considerably higher
strains in the sensitive inner brain regions in the lateral orientation, compared to the frontal and
rear impact orientations where the strain was highest elsewhere in the brain. The strains in the
inner regions of the brain, including the corpus callosum (Giordano and Kleiven, 2014; McAllister
et al., 2012; Patton et al., 2015, 2013; Zhao et al., 2017), the thalamus (Patton et al., 2013; Zhang
et al., 2004) and the midbrain (Giordano and Kleiven, 2014; Zhang et al., 2004) have been more
commonly correlated with observed concussions than other brain regions. Furthermore,
proposed strain thresholds for concussion in the corpus callosum and thalamus in the literature
are 1.15 to 2 times lower than proposed values in the cerebrum (Beckwith et al., 2018; Giordano
and Kleiven, 2014; Kleiven, 2007; Patton et al., 2015). Interestingly, in every lateral impact in the
current study, the corpus callosum was the brain region with the highest MPS (Figure 7Figure-7).
In contrast, in all the frontal and rear impacts MPS was considerably lower in the thalamus (0.17
to 0.26 lower in the 9.3 m/s impacts), corpus callosum (0.12 to 0.25 lower) and midbrain (0.17 to
0.23 lower) than for the whole brain (Figure 7Figure—7). The strains in the thalamus were
consistently higher in the lateral impacts than in frontal and rear impacts using both boundary
conditions. The finding that lateral impacts consistently resulted in higher strains in regions linked
with concussion supports the consistent observations in the literature that coronal rotations are
more likely to cause TBI than sagittal plane impacts (Gennarelli et al., 1982; Hernandez et al.,
2015; Meaney and Smith, 2012; Patton et al., 2013). Additionally, the increased strains observed
in the inner brain regions could be a key contributor to the disproportionate amount of

concussions (over 50%) in the 2015-2016 NFL season that resulted from lateral impacts,
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compared to other impact orientations (Lessley et al., 2018). The current study found that the
whole brain MPS was less sensitive to impact orientation than the MPS within inner brain regions
that have been correlated with concussion. In future studies, to improve helmet designs, the
computational helmet model could be modified to reduce strain in vulnerable regions of the HBM

brain model, using different thresholds for MPS in different brain regions.

4.3. Influence of Muscle Activation

The influence of active musculature on MPS on all regions of the brain was smaller than the
difference between the two boundary conditions (the increase in MPS due to active muscle was
always less than 0.04, or 10%). In previous work by the authors, it was found that active
musculature had a similarly small effect on head angular velocity in the HBM-S boundary
condition, with slight increases in angular velocity in frontal and rear impacts (Bruneau and
Cronin, 2019). This finding echoes the results of Rousseau et al., who found that doubling the
neck stiffness of an ATD in the linear impactor test did not have a significant influence on the
head kinematics and therefore the resulting strains in the brain (Rousseau et al., 2010). Eckersley
et al. previously suggested that tensed musculature increases head angular acceleration
(Eckersley et al., 2020), which has been correlated with increased MPS and concussion risk
(Hernandez et al., 2015; Patton et al., 2013), but that study used lower levels of loading. A
numerical study (Bruneau and Cronin, 2019) has suggested that the reaction moment provided
by the neck is far too small to provide significant resistance to the large force and moment
created by the impactor, which consistently exceeded the resisting moment by a factor of twenty.
While prescribing the same level of muscle activation to every flexor muscle, and a different

constant value to all extensor muscles was a limitation of the current study, it was clear that the
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overall effect of active musculature was small due to the very high value of muscle activation

used.

4.4. Limitations of this Study

The simplified PK and HBM-S impact boundary conditions considered in this study have some
shared limitations, and others which are unique to each boundary condition. Both boundary
conditions consider a 50th percentile male, that may not be representative of a typical football
player, and different player anthropometrics may lead to different head kinematics owing to
varying geometry and mass. As HBMs advance, subject specific models could be used to evaluate
different player anthropometrics and address this limitation. Overall, HBMs have greater
anatomical detail compared to ATDs and more biofidelic responses (White et al., 2014), which
suggests that they are better approximations of real-world impacts to living people. The HBM-S
impact boundary condition developed in the current study could be particularly useful for
evaluating the response of specific brain regions to helmet modifications, especially once more
reliable links between specific brain regions and head injury metrics are established. In addition,
HBM-S could be beneficial for evaluating brain response to off-axis impacts and impacts with
considerable axial neck loading, which are typically avoided by testing protocols. The ATD neck
has limited biofidelity in these impact orientations (Yoganandan et al., 1989), while the HBM-S
neck has been validated in axial torsion and tension (Barker and Cronin, 2020). The Hybrid Il neck
has limited biofidelity in axial compression, though this is thought to have a larger effect on the
axial linear acceleration of the head compared to the sagittal or coronal angular velocity (Bruneau
and Cronin, 2019), which are the main contributors to brain deformation in the current study.

While the PK boundary condition remains useful, as it can be used to evaluate existing helmets
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in a variety of impact conditions with relative ease, it is limited to impact scenarios for which
experimental kinematics have been measured. Finally, the brain model used in the current study
incorporated cadaveric material properties and was assessed using experimentally measured
brain displacement data from post-mortem human surrogates (Mao et al., 2013), where the brain
tissue is known to behave differently compared to in vivo tissue. Ongoing work on the GHBMC
model aims to incorporate improved material properties and validation data as these become

available.

4.5. Conclusions

The purpose of the current study was to compare the brain response in a football helmet impact
scenario for a novel HBM simulation method (HBM-S) with an established method using
prescribed skull kinematics (PK) measured from ATD impact experiments. Overall, the peak MPS
for the HBM-S was higher than for the PK boundary condition, for a given impact orientation and
speed. For example, in a 9.3 m/s frontal impact, the MPS was 0.54 in the HBM-S, and 0.39 with
PK boundary condition. Importantly, both boundary conditions resulted in a similar regional
distribution of MPS throughout the brain. The MPS in the inner regions of the brain, especially
the corpus callosum, were consistently higher in all lateral impacts than in all rear and frontal
impacts, for both boundary conditions. Within the HBM-S, small increases in MPS were observed
in all impact orientations when the neck muscles were activated at their maximal contraction,
but the effect of muscle activation was relatively small compared to the difference between

boundary conditions.
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The Cumulative Strain Damage Measure (CSDM) exhibited similar trends to MPS when comparing
magnitude of CSDM with the two boundary conditions, and the regional distribution of CSDM,
albeit with more variability. The CSDM metric responded non-linearly to changes in kinematics,
was often sensitive to small changes in kinematics, and was more sensitive in smaller brain
regions. These effects were attributed to the strain in the brain model being close to the chosen
threshold. Occasionally, CSDM exhibited large increases at times between 40 ms to 60 ms after

impact, a timeframe not often considered in previous studies.

Overall, the good correspondence of MPS response for both the PK and HBM-S boundary
conditions suggests that the HBM-S boundary condition developed in the current study is a viable

tool to investigate and optimize head protection in future studies.
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1  Supplemental Materials A: 95th Percentile MPS in all impacts

s Whole Brain  Corpus Callosum Thalamus Midbrain
& —PK
= ~——HBM-S - No Activation
204 L = HBM-S - Balanced Activation
= - - : 5.5
8 m/s
a 02 || '
=
3 | _/ =
=) 0 - - - J -
0 50 0 50 0 50 0 50
- Whole Brain  Corpus Callosum -~ 7@ a0 Midbrain
0O
=
204 -
§ 9.3
S02 - m/s
L
i)
@ 0
0 50 0 50 0 50 0 50
Time (ms) Time (ms) Time (ms) Time (ms)
Lateral Orientation
5 Whole Brain  Corpus Callosum Thalamus Midbrain
&
=
B4
E 5.5
e m/s
So.2 | -
: K AL
o
@ 0
0 50 0 50 0 50 0 50
- Whole Brain  Corpus Callosum Thalamus Midbrain
0O
=
204
§ 9.3
E 0.2 m/s
L
i)
@ 0
0 50 0 50 0 50 0 50
Time (ms) Time (ms) Time (ms) Time (ms)
Frontal Orientation
y Whole Brain  Corpus Callosum Thalamus Midbrain
&
=
204
Z 5.5
o m/s
doz2 /
£
5 NE NAAE NEA
=2 0 - . - J -
0 50 0 50 0 50 0 50

42




1

Whole Brain  Corpus Callosum Thalamus Midbrain

0 0.6

o

=

204

=

@

e

Loz2 {

N

)

@ 90

0 50 0 50 0 50 0 50
Time (ms) Time (ms) Time (ms) Time (ms)

9.3
m/s

Rear Orientation

Figure S1 95th Percentile MPS in all impacts
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Supplemental Materials B: CSDM in all impacts
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Supplemental Materials C: Head Angular Velocity (3DOF) in all impacts
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Figure S3 Head Angular Velocity (3DOF) in all impacts
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Supplemental Materials D: Head Angular Acceleration (3DOF) in all impacts
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Figure S4 Head Angular Acceleration (3DOF) in all impacts
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Supplemental Materials E: Head Linear Velocity (3DOF) in all impacts
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Figure S5 Head Linear Velocity (3DOF) in all impacts
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Supplemental Materials F: Head Linear Acceleration (3DOF) in all impacts
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1 Figure S6 Head Linear Acceleration (3DOF) in all impacts
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