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Although safety standards have reduced fatal head trauma due to single severe
head impacts, mild trauma from repeated head exposures may carry risks of
long-term chronic changes in the brain’s function and structure. To study the
physical sensitivities of the brain to mild head impacts, we developed the first
dynamic model of the skull-brain based on in vivo MRI data. We showed that
the motion of the brain can be described by a rigid-body with constrained kin-
ematics. We further demonstrated that skull-brain dynamics can be
approximated by an under-damped system with a low-frequency resonance at
around 15 Hz. Furthermore, from our previous field measurements, we found
that head motions in a variety of activities, including contact sports, show a pri-
mary frequency of less than 20 Hz. This implies that typical head exposures may
drive the brain dangerously close to its mechanical resonance and lead to ampli-
fied brain—skull relative motions. Our results suggest a possible cause for mild
brain trauma, which could occur due to repetitive low-acceleration head
oscillations in a variety of recreational and occupational activities.

1. Introduction

Traumatic brain injury (TBI) is one of the most disabling health problems in the
world. Every year an estimated 1.7 million people are diagnosed with TBI in
the USA alone [1]. Of these cases, 80% are categorized as mild [2], with symptoms
ranging from headache, dizziness and disorientation, to depression and loss of
memory. The numbers for undiagnosed cases are much higher still [3,4]. Until
recently, TBI research had focused on the acute consequences of single events invol-
ving moderate to severe head impacts. Similarly, mild traumatic brain injury
(mTBI) was thought to result in only transient symptoms from single head
exposure. However, several recent clinical studies have shown that even in the
absence of diagnosed concussion, repeated ‘mild” head exposures could lead to
long-term progressive changes in white matter structure and abnormalities in func-
tional magnetic resonance imaging (MRI) activation patterns [5-9]. It is known that
the brain enters a state of metabolic depression after an injury [10]. If a repeated
injury occurs prior to full recovery from initial trauma, there is a prolonged recovery
period and higher probability of long-term effects [11]. In other words, the accumu-
lation of head blows may lead to irreversible brain changes. Therefore, a study into
the physics of repetitive ‘mild” or low-acceleration head exposures is required in
order to understand injury mechanisms and devise effective prevention.

Prevention of brain trauma has historically targeted skull deformation and its
resulting focal injuries. This approach is most apparent in helmet design, where
the basic principles have remained relatively unchanged over time: (i) a rigid
shell spreads contact forces over a large area to avoid high focal stresses on the
skull and (ii) an energy-absorbing medium decreases peak forces while increasing
impact duration [12]. The current standards in helmet design ensure that levels of
linear head acceleration remain below certain thresholds [13]. This approach has
proven successful in reducing skull deformation and mitigating focal brain
trauma and mortality in auto accidents and sports [14]. However, contrary to
focal severe head injuries owing to skull fracture, the mechanisms of mTBI are dif-
fuse in nature and are due to inertial forces on the brain [15,16]. This is evident in
the prevalence of mTBI despite the ubiquity of helmet use in contact sports.
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Although the magnitude of impacts has a significant influ-
ence in subsequent trauma, it is not the only deciding factor.
Frequency content of the impact loading also plays an impor-
tant role and, depending on the loading regime, it might in
fact be more critical. From a structural engineering perspective,
knowledge of system dynamics determines the safety bounds
of loading conditions on a structure. In an under-damped
system, oscillations may be amplified at certain frequencies
depending on the system’s dynamic properties—a phenom-
enon known as resonance. In engineering design, neglecting
requirements to avoid resonance may cause violent motions
and even failure. Ommaya et al. observed low-range natural fre-
quencies (5-10 Hz) for rotational brain motion in primates and
humans [17]. In contrast, skull resonance frequencies are found
to be several orders of magnitude higher (around 1000 Hz)
[18,19]. Thus, an important question is what occurs inside the
head: does the skull-brain system exhibit an under-damped
oscillation that could lead to resonance? Our objective is to
investigate this question through reduced-order modelling of
the brain—skull system.

Several reduced-order models exist in the literature, where
brain tissue is modelled as a rigid mass and connective tissue
linking skull and brain are modelled by discrete mechanical
elements, i.e. springs and dampers. Alem [20] used a combi-
nation of linear and torsional springs to simulate the motion
of the head and neck, which predicted very high relative
brain motions (125°) in impact scenarios. Low and Stalnaker
[21] developed a two-mass model of the brain with torsional
springs, simulating the rotational motion of the brain. Willinger
et al. [22] developed a lumped-model of the brain’s translational
motion and performed modal and temporal analysis. More
recently, Zou et al. [23] developed a model of the brain—skull
that includes, to some extent, the brain’s coupled translational
and rotational motion to investigate the sensitivity of the
brain’s relative motion to its size and mass. Compared with
the ‘bottom-up” approach taken by finite-element (FE) models
with detailed component interactions, a reduced-order model
allows for more direct and global observations of emergent
system properties. It can also lead to hypotheses about the
minimum number of essential components that govern behav-
iour. However, the majority of available reduced-order models
are based on measurements from either phantom models of the
head, or post-mortem human subjects (PMHS) rather than
in vivo measurements. Moreover, these models have mostly
focused on either only translational or rotational skull motions.
They rely on a priori assumptions of kinematic constraints
between the brain and skull and focus on fitting the dynamics
of brain motion, whereas the kinematics, i.e. the motion of the
brain isolated from that of the skull, are missing for the most
part. This modelling feature is addressed in this study. Finally,
with the exception of the study of Willinger ef al. [22], which
modelled only translational motion of brain, the above studies
did not perform any frequency analysis of brain-skull
dynamics. The frequency response of the brain is of particular
interest to this study.

In this study, we develop the first reduced-order dynamical
brain model based on previously published in vivo human
measurements [24]. Using the acceleration of the skull as
input and the brain’s motion kinematics as output, we show
that this system has an under-damped resonance frequency at
around 15Hz. We also examine the applicability of this
model both in time and frequency domains to higher energy
inputs that are more representative of typical on-field head

impacts by comparing with previously published results from
PMHS impact experiments [25]. Finally, we posit from our
field measurements of athletic head motions that the brain’s pri-
mary resonance frequency coincides with the primary
frequency mode in head impacts experienced on the field.

2. Methods and results
2.1. Unconstrained kinematics

MRI provides a non-invasive method of measuring the displace-
ment of brain tissue in vivo. We used tagged MRI measurements
from a previously published study of brain displacements (three
human male subjects aged 23—-44) in 2 cm frontal head drops in
the sagittal plane [24]. These impacts resulted in maximum
linear and rotational accelerations of 1.5g and 140 rad s?
respectively. Feng et al. measured the displacement field of the
entire brain pixels on a sagittal section of human brain for
168 ms with a spatial resolution of 1.3 x 1.3 mm?anda temporal
resolution of 5.6 ms.

To investigate the motion of the brain relative to the skull,
we first determined all the brain pixels that were available
throughout the tagged MRI measurement for each subject
(approx. 350, 560, 480 nodes for subjects 1 to 3, respectively;
figure 1a). Taking the displacement of the tagged MRI brain
pixels as various points on a body, we studied the contribution
of rigid-body motion compared with deformation for the brain
as a whole. The rigid-body motion consisted of three degrees of
freedom (DOF): translation of the brain’s centre of mass (CoM)
in the posterior—anterior direction (PA), translation of the
brain’s CoM in the inferior—superior direction (IS) and sagittal
rotation about a centre of rotation (CoR). We determined the
rigid-body motion parameters at each time by minimizing the
root mean square (RMS) distance error between each MRI
pixel and rigid-body motion trajectories.

Analysing the displacement field from the MRI measure-
ments resembled a rolling motion where the base of the brain
was mostly stationary and the cortex had maximum relative
displacement (figure 1b). This behaviour could be captured
by the 3DOF kinematics model with relatively small errors
(figure 1c,d). The distance error for the rigid-body model for
all nodes through all time points has a median of about 10%
when normalized by the maximum relative brain displacement
(1.9-2.1 mm for all three subjects). This normalization was per-
formed to eliminate large numerical errors pertaining to nodes
with close to zero displacements. The low error levels suggest a
possible coupling between rigid-body motion and maximum
strain induced in the tissue, because the latter has been pre-
viously correlated with brain trauma [26,27]. Analysing the
rigid-body motion from the 3DOF model showed similar
trends in PA translation and sagittal rotation with only small
translations in the IS direction, suggesting a possible coupling
between the DOF (figure le,g). This agrees with previous-
ly published literature suggesting that the brain’s rotation
and translation are coupled [21,23].

2.2. (onstrained kinematics

In order to investigate whether anatomical features of the
skull and brain constrain brain motion, we performed princi-
pal component analysis (PCA) on the 3DOF kinematics for
each of the three subjects. PCA is a statistical technique that
reduces the dimensionality of a set of observations through
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Figure 1. Kinematic model of brain motion: (a) sagittal view of the tagged MRI with the displacement field superimposed (previously reported in [24]), (b) the
experimental displacement field shown at the time of maximum rotation angle at t = 56 ms (reported in [24]), () displacement field from the unconstrained rigid-
body model at t = 56 ms with the translation of brain CoR superimposed, (d) fringe plot of displacement error for the rigid-body model. (e—g) Time trace of

unconstrained rigid-body sagittal rotation, PA translation and IS translation, respectively.

(@) 3DOF rigid-body motion ) 3DOF motion eigenvalues () 1DOF relative brain rotation
0.8 : : 1.5
= g -e— subject 1 ~ 1.0 1
:;/ = i -&- subject 2 = 05 |
= 'g 0.6 -+ subject 3 B |
E > o (O« 4
g" EO -0.5
5 o 4 1
o 021 =
g ERE ]
0 ! - I I
0
bz 34 0 005 010 0.5
nth eigenvalue time (s)

Figure 2. Principal component analysis of rigid-body motion based on tagged MRI data [24]: (a) 3DOF motion of brain in the sagittal plane is shown for the three
subjects. There is a strong correlation between the 3DOF such that it can be approximated by a single DOF, (b) first few principal components for the rigid-body
motion are shown as the ratio of total variance. The first principal component accounts for over 75% of total variance, (c) relative rigid-body rotation of brain
determined by the model given the skull rotation as input. (Online version in colour.)

orthogonal transformation into a set of eigendirections and
their corresponding eigenvalues, where components with
the largest eigenvalues have the most contribution [28].
PCA of the MRI measurements was achieved by combining
the brain’s translation in the PA direction (x,), translation in
the IS direction (z,) and rotation in the sagittal plane (6},) as
the three bases in the planar motion space. An array of displa-
cement vectors As,,.,, = [%,; Z; 6] was populated, where m is
the number of MRI pixels and 7 is the number of MRI snap-
shots in time. The PCA on the 3DOF kinematic data showed
the level of coupling between the translational and rotational
DOF for the specific skull motions in the MRI study. The first
principal component can explain more than 75% of the total
variance in the different modes of rigid-body motion. This
indicated that the brain’s motion can be approximated by a
single degree of freedom along the first eigendirection
(figure 2a). The exponential decay in the magnitude of the

Table 1. Results for PCA fits to the brain’s relative rigid-body motion.
Here, x, = a6, and z, = 36, where 6, X, and z, represent sagittal
rotation, PA displacement and IS displacement of the brain relative to the
skull, respectively (electronic supplementary material; equation (A 8)).

a(mrad™) B(mrad™")
subject1 0004 00053
subject2 00021 0009
 Subjet3 0000 00056

eigenvalues of the 3DOF motion further justified this
reduction (figure 2b). The kinematic relations between the
three DOF (the first eigendirection) are given in table 1. The
resulting 1DOF rotation showed that the brain lags behind
in the initial motion of the skull but continues to oscillate
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Figure 3. Dynamic model fit of experimental brain motion data. (a) Schematic of brain as a 1DOF dynamic model, where skull motion in the MRI experiments was
used as input to the model. (b) Histogram of all errors for different model constraints: unconstrained kinematic (3DOF), constrained kinematics (1DOF) and uncon-
strained dynamic (1DOF) models. (c—e) Time traces of constrained dynamic fit to unconstrained kinematics for sagittal rotation, PA translation and IS translation, all
relative to the skull.

Table 2. Temporal dynamic model parameters fitted to MRI experimental data.

k (Nmrad™") ¢ (Nms rad™") m (kg) I (kgm?) R?
subject 1 157.06 0.17 139 0.0034 091
subject 2 174.83 0.70 1.27 0.0071 0.73
subject 3 148.92 0.62 137 0.0042 0.62
average 160.27 0.50 134 0.0049
even after the skull has settled (figure 2c). We use the 1DOF brain’s CoR to the skull’'s CoM (figure 3a). Equations of
kinematic approximation for all further dynamic analyses of motion for the IDOF dynamic model are given in the electronic
the brain—skull system. supplementary material, Dynamic modelling section.
The representative system could be described by rolling kin-
ematics, where the translational motion is coupled to rotation
2.3. Constrained dynamics through a kinematic constraint (CoR path in figure 1c). The
Given the clear periodic oscillatory behaviour of relative brain model parameters include the stiffness (k) and damping (c) of
motion (figure 2c), we speculated that a linear second-order the torsional spring-damper element, and the brain’s mass
discrete system could explain the relative brain—skull motion. (m) and moment of inertia (I), which were fitted separately
As seen in §2.2, we determined a CoR for the brain, which for each subject. The average fitted values for the three subjects
was defined as the point in the brain that translates minimally were determined as k=160 Nmrad ', ¢ =0.50 Nms rad "},
in the skull frame. The 3DOF motion of this CoR was shown to m=134kg and I=0.0087 kg m”. The fitted parameters for
be coupled in a single DOF according to the PCA analysis, each subject and their corresponding R* values are reported
where the constraint constants were close to the effective in table 2. The fitted mass and moment of inertia values are
radius of brain. In the small angle regime, this can be physically close to the values reported in the literature for the brain, indi-
interpreted as the brain rolling along the inner surface of cating the physical relevance of the model [19,23]. It should be
the skull. We chose to use the brain’s relative angle as the inde- noted that while this simple model is not anatomically detailed,
pendent degree of freedom because of the importance of it closely represents the coupled motion of the brain and skull
brain rotation in diffuse axonal injury [15,16]. We subsequently observed in vivo, whereas physical parameters such as mass
used the constrained kinematics of relative brain motion and inertia are preserved and the compliance of the brain—
(derived separately for each subject) to develop a coupled skull interface (subarachnoid space, bridging veins and
linear dynamic model with the skull’s linear and rotatio- trabeculae) is represented by the torsional spring-damper. An
nal accelerations as the inputs. The model consists of a advantage of the model developed above is that while it cap-

parallel torsional spring-damper element connecting the tures the dynamic properties of the brain—skull system, it is
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Figure 4. Resonance frequency: non-dimensionalized frequency domain fit of
(electronic supplementary material, equation (A 11)) based on the empirical
transmissibility amplitudes of MRI data for the three subjects. The low damping
ratio (£) indicates under-damped oscillation and possible resonance in relative
brain motion. As a reference, the temporal fit to the dynamic model is also
shown. (Online version in colour.)

based on the rolling kinematics of the brain, i.e. how the motion
of the brain is coupled in various DOF.

To estimate the accuracy of the model’s predictions, we cal-
culated the error introduced at each stage of added modelling
constraint: unconstrained kinematics (3DOF), constrained
kinematics (1DOF) and constrained dynamics (1DOF). We cal-
culated the distance errors between every experimental nodal
value in MRI and the corresponding model prediction through
all time steps for all three subjects. While the median error
increases slightly for each stage of added constraint (from
10% to 12% median error values), the overall performance for
all three stages is very good (figure 3b). Figure 3c—e shows a
representative temporal fit for the constrained dynamic
model to 1DOF brain motion kinematics for subject 1, where
a primary frequency mode is apparent.

24. Frequency analysis

In order to study the frequency response of the brain-skull
system, we reduced the 1DOF dynamic model to a linear
single-input—single-output (SISO) system, by using PCA on
the skull motion and assuming an equivalent stiffness, damp-
ing and torque in the constrained dynamic equations of motion
(electronic supplementary material, Frequency modelling sec-
tion). This step is feasible given the coupling between the
DOF for both the brain and skull. We calculated the model’s
transmissibility function (the amplification of system response
as a function of the input) by taking the skull rotational accel-
eration (6,) as the input and relative brain rotation (6},) as the
output (electronic supplementary material, equation (A 11)).
The experimental measurements showed a distinct resonance
(wy) around 15 Hz with a 5- to 12-fold amplification in the
relative brain—skull motion for non-dimensionalized output
w? % (6,/6s) (figure 4).

Although the dynamic parameters determined in the time
domain above are expected to represent the system in the
frequency domain as well, in order to study the system’s fre-
quency behaviour, it is customary to fit the parameters to the
frequency response of the system. Therefore, we re-fitted the stiff-
ness and damping parameters in the SISO model to match the
experimental transmissibility functions based on MRI data,
which resulted in k = 83.59 Nm rad ! and ¢ = 0.18 Nms rad .

The frequency fit (marked as MRI frequency fit) closely replicates
the experimental transmissibility function (figure 4). The trans-
missibility function calculated using the parameters from the
time-domain fit (marked as MRI temporal fit) also shows a
similar trend with a small difference in resonance frequency
prediction, which might be due to the linearization of the trans-
missibility function as detailed in the electronic supplementary
material, Frequency modelling section (figure 4). The 95% CI
for the resonance frequency (w, =15+ 2.9 Hz) is smaller
than the uncertainties owing to the data acquisition time in
the MRI study, indicating that the model is a good predictor
of the brain’s response.

2.5. Verification of one degree of freedom dynamic
model with post-mortem human subjects

measurements

In this section, we verify the IDOF dynamic model both in fre-
quency and time domains with brain displacement data
derived from X-ray measurements during PMHS head impacts
[25]. This step is crucial to examine the applicability of our
model to loadings that are more representative of typical on-
field head impacts. We used the neutral density target (NDT)
displacement data from a test performed in the sagittal plane,
which resulted in maximum linear and rotational accelerations
of 20 g and 2000 rad s~ 2, respectively. Given the slightly higher
density of the brain compared with the cerebrospinal fluid
(CSF) and possible sinking in the inverted PMHS, we re-
fitted the brain’s kinematic path parameters for PMHS
(figure 5a). Assuming symmetry of forces, we used the same
dynamic parameters as determined from the in vivo data.
Using the PMHS skull kinematics as input, we simulated the
PMHS brain motion and observed similar resonating behav-
iour in the PMHS experimental data as was observed in the
MRI data. Contrary to the MRI modelling predictions, the
PMHS data in the frequency domain were better replicated
by the MRI dynamic fit than the MRI frequency fit (figure
5b). Several factors might cause the discrepancy in the maxi-
mum amplification frequency in the brain response between
the MRI and PMHS measurements, including variations in
experimental protocols or changes in the material properties
of the ex vivo tissue. Finally, as an additional step to verify
the predictions of the constrained dynamic model, we com-
pared its predictions with simulated injury monitor (SIMon)
software, which is an FE model of the human head developed
and used by the US National Highway Traffic and Safety
Administration [29]. Despite the much fewer degrees of the
freedom, the 1DOF model developed in this study fared well.
The details of this verification are reported in electronic sup-
plementary material, Model verification section (electronic
supplementary material, figure S9).

3. Discussion

We have developed the first reduced-order dynamical brain
model based on in vivo human data. Owing to research
ethics considerations, it is not yet possible to acquire in vivo
brain data from concussive-level impacts. Thus, we devel-
oped our model based on mild impacts in an MRI study
and subsequently investigated the applicability of the
model in moderate impacts using PMHS brain displacement
data. Our analysis of these datasets revealed that relative
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brain motion owing to head impacts can be described by an
under-damped second-order system with linear dynamics
that is driven to resonance at around 15 Hz. While modal
behaviour of the brain was not the primary focus of most
of previous lumped-parameter models, the reported or calcu-
lated values for natural frequency were either much smaller
(less than 5Hz) [20] or much greater than (more than
50 Hz) the values reported above [22,23].

In another study, we have collected head kinematic
measurements from a number of contact sports using an instru-
mented mouthguard capable of recording 6DOF motion
[30,31]. Our field data indicate that skull rotation is primarily
in the sagittal plane for more than 60% of the head-head
collisions. For these impacts, the median values for the distri-
bution of peak linear and rotational acceleration vectors in
on-field head exposures were 20 g and 1700 rad s~ 2. The MRI
(15g and 140rads ?) and PMHS (20 g and 2000 rad s %)
studies covered low to median range of on-field exposures
(figure 6a). Of 445 field football head impacts, we selected
267 impacts where sagittal rotation was dominant (the sagittal
component in rotational acceleration had the largest contri-
bution to the peak magnitude of acceleration). With these
impacts, we performed a fast Fourier transform (FFT) on the
sagittal rotational acceleration time trace. The 100 ms time
trace, sampled at 1000 Hz, was padded with 100 zeros to
increase the resolution for the FFT. The frequency with the

largest FFT amplitude was identified as the primary frequency
of the impact. Analysing sagittal head rotations showed that
the primary frequency mode (63% of all sagittal impacts) is
15-25 Hz (figure 6b). The striking uniformity of impacts oscil-
lating around 20 Hz indicates that a substantial portion of
sports head impacts are exciting a mechanical resonance of
the skull-brain system and causing amplified skull-brain
relative motions. In previous studies using our instrumented
mouthguard, we showed that the natural frequency of the
mouthguard is around 150 Hz and that head impacts had
much higher energy levels at lower frequencies, suggesting
that the measured frequency content has not been biased by
the instrumentation [30,32]. The above information again
prompts the long-ignored question: can mechanical resonance
lead to mTBI?

Although this simple model does not detail the tissue level
stress and strains that are linked to trauma [33-35], there is
evidence that relative brain motion can cause trauma. Several
studies have employed Lucite and Lexan calvaria and high-
speed cinematography to study relative brain—skull motion
and resulting pathology [36-38]. Ommaya et al. [39] and
Gosch et al. [40] observed minimal deformation associated
with concussion, but large relative movement between the
brain and skull correlated with contusions and contrecoup
injuries. They suggested that damage occurred as a conse-
quence of interference of structures moving at different rates.
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The brain is largely suspended in CSF and is connected to the
skull only through a few nerves, vessels and the brain stem. As
the skull rotates, these tethers allow the brain to lag behind and
only when they are sufficiently stretched to overcome the
brain’s inertia, does the brain move to catch up to the skull.
These tether forces spread throughout the brain, propagating
from the outer grey matter to the inner white matter and into
the deep structures of the brain. As explained by the centripetal
theory [15], axonal injury by shear requires relative brain—skull
motion and the transfer of forces from external vessels and nerves.

Despite good agreement with experimental data, there are
several limitations associated with our proposed model. First,
among the sagittal test protocols in the PMHS study [25], we
compared our results against low-severity impacts (approx.
20 g), which is close to the median head acceleration range
for soccer headers and football head impacts [41]. Although
we compared our model’s predictions against the medium-
energy impacts, it is likely that the model might under-perform
against the more severe impacts (more than 40 g) as more brain
deformation is expected to occur [23,42]. Therefore, the current
model is limited to mild and subconcussive head exposures. In
addition, the derived transmissibility function is based on the
linearization of the dynamical model assuming small relative
rotations of the brain. To determine the complete spectrum of
brain—skull frequency responses, it is necessary to evaluate
the fully nonlinear dynamical model. Owing to the shorter
data acquisition time in the PMHS studies (60 ms compared
with 168 ms in MRI), resolution in the low-frequency domain
is much lower than the MRI study, which emphasizes the
importance of developing the model based on the in vivo
MRI data. An additional limitation is that this model is devel-
oped based on measurements in the sagittal plane. A general
model capable of simulating the response of the brain to an
arbitrary load in an arbitrary direction would require a more
sophisticated approach. For example, due to the presence of
falx cerebri, it is expected that during head motions in coronal
and transverse planes, the rigid-body approximation would
perform less accurately [43]. However, we expect that a similar
reduced-order modelling approach could be employed even in
these anatomical planes [44].

We observed different kinematics between brain motions in
MRI and PMHS. Previously, it was shown that gravity plays a
major role in the displacement of the pons in different head
orientations [45]. In accordance, our findings suggest that the
brain might not be floating in CSF and instead might be sinking
to the bottom owing to the different orientation in the two
experiments and the difference, albeit minimal, in the density
of brain tissue and CSF. Furthermore, the frequency response
of MRI and PMHS studies were slightly different, which
could be a result of the physiological and mechanical
changes in ex vivo tissue properties [46]. The dehydration and
re-hydration that occur post-mortem, which cause brain
tissue to show slightly stiffer behaviour and thus higher fre-
quencies. Also as mentioned by the authors, the biggest
concern in terms of preparing the ex vivo specimens was the
skull-brain coupling and evacuation of gases that occupy
the intracranial space post-mortem, as air bubbles beneath
the tentorium might affect this coupling [25].

For the available data from MRI and PMHS experiments,
the skull’s translation and rotation were not separately studied,
which is difficult owing to existence of neck and high coupling
between the two modes of motion. However, this might be
important because it is not yet clear whether the kinematics

iso-displacement contours
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Figure 7. Implications of the results: contour plots of constant relative
motion of brain as a function of skull's rotational acceleration amplitude
and frequency based on simulated skull motion (sinc function with parameter
sweep in frequency and amplitude). As we move towards lower frequencies
on the left, relative brain motion shows more sensitivity to changes in fre-
quency than peak rotational acceleration. The interquartile range of football
head impacts is also shown as box plot in two dimensions for comparison.

of brain motion will remain constrained for different loading
conditions, and therefore we cannot definitively say whether
the skull’s rotation or translation drives brain motion in gen-
eral. Because on-field exposures may exhibit a range of
translational and rotational head motion that are not identi-
cally coupled, more experimental measurements are required
to separate the effect of each input on the motion of the brain.

Our finding that head impacts in sports may cause
amplified brain—skull relative motion leads to a different per-
spective on the possible cause of repetitive brain trauma and
as such, would require a different injury metric and criterion.
Some traditional injury risk predictors such as head injury
criterion (HIC) are focused primarily on focal injuries. Such
metrics take both the magnitude and duration of impacts
into account. However, because the timescale in these
injury criteria is very small (e.g. 15 ms for HIC [47]), they
typically predict injury risk to monotonically increase as
magnitude and duration increase. In contrast, our findings
suggest a dangerous frequency—close to typical on-field
impact frequencies—around which relative brain motion is
maximized. To explore this further, we simulated relative
brain motion as a result of skull motion, using the sinc func-
tion with various amplitudes and frequencies. The results
indicated that even for mild impacts, if the impact frequency
is at or close to resonance, significant brain—skull relative
motion could occur (figure 7). The median values of football
impacts are superimposed on the contours for comparison.
As can be seen, towards the lower end of the frequency spec-
trum (less than 20 Hz), which includes most football impacts,
the contours are vertical. This indicates that relative brain
motion is highly sensitive to skull motion frequency and
less sensitive to the amplitude of skull acceleration. It
should be noted that while here we describe a model of
rigid body motion, it is probably local tissue deformation
that is responsible for injury throughout the brain. An
implicit hypothesis here is that this deformation is tightly
coupled to the rigid body motion of the brain relative to
the skull, which would require further investigation. Further-
more, bulk motion of the brain can cause stretching and
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tension in the bridging veins and cause dysfunction and
pathology in blood-brain barrier, which have recently been
linked to neurodegeneration [48].

In unpublished measurements of un-helmeted soccer head-
ers, we have observed similar head motion frequency content
of less than 20 Hz. This consistency between helmeted and
un-helmeted head motions indicates that specific motions of
the head may be primarily owing to head-neck anatomy
rather than exposure amplitudes. Above results may not be
limited to contact sports and could be applied to other activities
involving cyclic head motions, e.g. off-road vehicles, machin-
ing operations, jackhammer, etc. As such, rigorous study of
the body as a whole and its effect on head kinematics
is required.

In summary, this study puts forth a reduced-order model
of brain motion in low to moderate energy head impacts.
Giving similar error levels compared to much more detailed
FE models while significantly reducing computational cost
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