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Dependency of Head Impact Rotation on
Head-Neck Positioning and Soft Tissue Forces

Michael Fanton , Calvin Kuo , Jake Sganga , Fidel Hernandez, and David B. Camarillo, Member, IEEE

Abstract—Objective: Humans are susceptible to trau-
matic brain injuries from rapid head rotations that shear
and stretch the brain tissue. Conversely, animals such as
woodpeckers intentionally undergo repetitive head impacts
without apparent injury. Here, we represent the head as
the end effector of a rigid linkage cervical spine model to
quantify how head angular accelerations are affected by the
linkage positioning (head-neck configuration) and the soft
tissue properties (muscles, ligaments, tendons). Methods:
We developed a two-pivot manipulator model of the human
cervical spine with passive torque elements to represent
soft tissue forces. Passive torque parameters were fit
against five human subjects undergoing mild laboratory
head impacts with tensed and relaxed neck muscle activa-
tions. With this representation, we compared the effects of
the linkage configuration dependent end-effector inertial
properties and the soft tissue resistive forces on head
impact rotation. Results: Small changes in cervical spine
positioning (<5 degrees) can drastically affect the resulting
rotational head accelerations (>100%) following an impact
by altering the effective end-effector inertia. Comparatively,
adjusting the soft tissue torque elements from relaxed to
tensed muscle activations had a smaller (<30%) effect
on maximum rotational head accelerations. Extending our
analysis to a woodpecker rigid linkage model, we postulate
that woodpeckers experience relatively minimal head
impact rotation due to the configuration of their skeletal
anatomy. Conclusion: Cervical spine positioning dictates
the head angular acceleration following an impact, rather
than the soft tissue torque elements. Significance: This
analysis quantifies the importance of head positioning prior
to impact, and may help us to explain why other species
are naturally more resilient to head impacts than humans.

Index Terms—Musculoskeletal biomechanics, concus-
sion, manipulator dynamics, injury biomechanics.
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I. INTRODUCTION

B IOMECHANISTS and roboticists commonly model mus-
culoskeletal systems as rigid-link manipulators to simplify

control problems and understand dynamical properties [1], [2].
Analogous to rigid linkage robotic manipulators, many animals
use their head to manipulate or interact with the environment,
as the “end-effector” of their cervical spine. For example, the
woodpecker repetitively drums its beak into tree bark, often
at accelerations over 1000 g [3], to forage for food. Likewise,
horned rams fight by butting heads at speeds of up to 15 m/s
[4]. Humans too use their head like an end-effector, most com-
monly in contact sports such as American football where head-
first tackles and blocks are quite common. However, more so
than other species, humans are highly vulnerable to traumatic
brain injuries (TBI), which can lead to debilitating diseases and
chronic neurodegeneration [5].

Although the precise internal mechanisms of TBI in humans
remain debated, it has been long hypothesized that head ro-
tations can cause shearing and stretching of the brain tissue,
and are strongly linked to mild TBI (mTBI). First proposed in
the 1940’s [6], there have been a number of studies confirm-
ing this notion [7]–[9]. As a mechanical linkage between the
head and the torso, the cervical spine acts as a constraint on
the head, governing its rotation and providing stabilizing forces
during external perturbations. A prominent emerging theory in
the field of human head impact biomechanics is that the soft
tissue loads of the neck may act to reduce risk of mTBI [10].
Specifically, the effective stiffness and viscosity of the cervical
spine has been strongly correlated to both muscle strength and
activation level [11], [12], and these resistive forces may act to
stabilize the head during impact.

While the benefits of neck stiffening are intuitively plausible,
human subject studies evaluating its protective effects on the
brain have yielded mixed results. The strongest clinical evidence
linking neck strength to TBI is a prospective study which found
a modest negative correlation between neck strength and con-
cussion in a large group of high school athletes [13]. Laboratory
human subject studies of sub-concussive head kinematics have
found increased muscle activation and strength lowered head
velocities in mild impact conditions [12], [14], [15]. Increased
neck stiffness has also been found to significantly improve dy-
namic head stabilization during in-vivo impacts in controlled
rugby tackles and soccer headers [16], [17].

Despite these findings, the negative correlation between
neck stiffness and the peak angular velocity or acceleration
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Fig. 1. Study overview. (a) To investigate how the cervical spine properties dictate head rotation in sagittal head impacts, we created a rigid linkage
model of the human head and neck. The Newtonian reference frame n̂x , n̂y , n̂z is shown. (b) The hard skeletal tissue was modeled as two rigid
linkages, and the soft tissue modeled as passive torsional spring-dampers. A third linkage, fixed in the skull, connected between the head center
of mass to the point of impact. (c) Spring and damper values were fit to human data of subjects undergoing mild head loading to induce sagittal
extension.

experienced during a head impact has not been universally ob-
served. In a variety of sports, athletes undergoing targeted cer-
vical spine strength training did not increase head stabilization
during field impacts, despite significantly stronger musculature
post-training [18], [19]. In fact, it was found that hockey and
football players with stronger neck muscles had equal odds of
sustaining severe head accelerations compared to those with
weaker muscles on the field [11], [20]. Impact awareness has
been found to have no effect on head kinematics, and simulation
results have also been inconclusive, with different rigid-body
and finite element simulations disagreeing on the role of the
neck in preventing mTBI [21]–[23].

Though less widely investigated, the positioning of the head,
controlled by the cervical spine, also affects head rotation and
injury risk. “Spearing” in American football is a situation in
which striking player tackles an opponent using the crown of
the helmet with his head, neck, and torso aligned. Although
spearing is associated with a higher cervical spine injury risk
[24], a study of 27 National Football League (NFL) impacts
found that striking player experienced significantly lower head
accelerations than the struck player; the authors attributed this
to an increase in effective inertia by the striking player [25].
Although this study provided clinical evidence, the effect of
cervical spine positioning on head inertial properties and result-
ing accelerations has yet to be quantified in a wide variety of
head-neck configurations.

Motivated by conflicting results in previous studies on the
role of the cervical spine in TBI, our goal was to comparatively
and quantitatively investigate the relative effect of the head-neck
positioning and soft tissue forces on head impact rotation in the
sagittal plane. Both of these properties are easily modifiable by
an individual and have been widely hypothesized to contribute
to head rotation and TBI risk. By reducing the complexity of
the head and neck system into a simplified rigid linkage model,
we can draw on techniques from the field of robotics to gain
global observations and analytical relationships on the effective

head inertia and its rotational response to an input force. Using
this methodology, we postulate that other species, such as the
woodpecker, may have adapted specific cervical spine skeletal
configurations that minimize head rotations.

II. METHODS AND RESULTS

A. Rigid Linkage Head-Neck Model

The human neck is made up of seven cervical vertebrae that
reside between the base of the skull and the thoracic vertebrae
of the torso. Although sagittal plane bending of the neck is
distributed throughout all seven vertebrae, many previous stud-
ies simplify the cervical spine into single, dual, or multi-joint
models connected by rigid linkages [26]. In previous work [27],
the authors experimentally found that the human cervical spine
has complex motion in sagittal extension, with the instanta-
neous center of rotation greatly varying in height throughout an
impact. Thus, a two-pivot model was chosen to represent the
cervical spine, with a pin joint at the top of the neck to represent
the occipital condyles (OC) of the atlanto-occipital joint, and a
second pin joint at the C7 vertebra to represent bending of the
lower neck (Fig. 1(a), (b)). To model soft tissue elastic and vis-
coelastic bending forces, torsional spring-dampers were located
at each joint. The head, neck, and torso were treated as three
separate rigid bodies. Link lengths were taken as the average
50% male values [28]. The torso was constrained as a prismatic
slider joint to allow a horizontal translational degree of freedom
to model small torso movements.

The dynamical system of equations that govern this head-
neck linkage model are as follows, with parameters listed in
Table I.

M

⎡
⎢⎢⎣

θ̈

φ̈

ẍ

⎤
⎥⎥⎦ + C =

⎡
⎢⎣

∑
MC 7∑
MOC

Fx

⎤
⎥⎦ (1)
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TABLE I
HUMAN LINKAGE MODEL SYMBOLS AND PARAMETER VALUES

The mass matrix M is derived as follows:

M1 =
⎡
⎢⎣

Hzz + Nzz + mH

(
h2 + L2 + 2hL cos (φ)

)
+ 1

4 mN L2

Hzz + mH h2 + mH hL cos (φ)

−mH (L cos (φ) + h cos (φ + θ)) − 1
2 LmN cos (θ)

⎤
⎥⎦

M2 =

⎡
⎢⎣

Hzz + mH h2 + mH hL cos (φ)

Hzz + mH h2

−mH h cos (φ + θ)

⎤
⎥⎦

M3 =

⎡
⎢⎣
−mH (L cos (φ) + h cos (φ + θ)) − 1

2 LmN cos (θ)

−mH h cos (φ + θ)

mH + mB + mN

⎤
⎥⎦

M =
[
M1 M2 M3

]
(2)

Matrix C contains the Coriolis and centrifugal terms:

C =

⎡
⎢⎢⎢⎢⎣

mH hL sin (φ)
(

θ̇2 −
(
φ̇ + θ̇

)2
)

mH hL sin (φ) θ̇2

mH h sin (φ + θ)
(
φ̇ − θ̇

)2
+ 1

2 (mN + 2mH ) θ̇2 sin θ

⎤
⎥⎥⎥⎥⎦

(3)
The matrix on the right side of Equation 1 contains the forces

and moments on the system from the impact force, the neck
joint torsional spring dampers, and gravity.

∑
MC 7 = (rP /C 7 × F ) · n̂z + τC 7 + gC 7 (4)

∑
MOC = (rP /OC × F ) · n̂z + τOC + gOC (5)

F = [Fx Fy ] represents the impact force on the system.
rP /C 7 and rP /OC are the vectors from the impact point to the
C7 and OC joints. τC 7 and τOC are the torque from the neck
joint torsional spring dampers at the C7 and OC joints. gC 7 and
gOC are the moments on the system due to gravity about the C7
and OC joints.

B. Human Subject Testing

To fit proper stiffness and damping at each torsional joints,
human subject data of mild laboratory head impacts from a
previous study were utilized [27]. In this study, five male sub-
jects were recruited under Stanford Institutional Review Board
(IRB: 36466) protocol. Subjects were strapped into a rigid-back
chair, and a gentle load was applied to the center of mass of the
head through wrestling headgear, inducing sagittal extension
(Fig. 1(c)). An in-line tension sensor (TLL-500, Transducer
Techniques, Temecula CA) measured the external load applied
to the head, sampled at 1500 Hz. To measure head impact kine-
matics, each subject wore a custom-fit EVA mouthguard rigidly
connected to an acrylic bite-bar containing a tri-axis accelerom-
eter (3273A1, Dytran Instruments, Inc., Chatsworth, CA, USA)
and three gyroscope s (ARS-PRO-18 K, Diversified Technical
Systems, Seal Beach, CA, USA). The bite-bar sensors were
triggered to record when the tension sensor read 50 N of force.
Kinematics were recorded 100 ms pre-trigger and 500 ms post-
trigger. All kinematic sensor data were collected at 10 kHz and
low-pass filtered with a fourth-order Butterworth 300 Hz cutoff.

A total of six trials per subject were used to fit stiffness and
damping parameters (the six trials in which a standard chinstrap
was used). In three trials, subjects were instructed to remain
upright and to minimally activate neck muscles. In the other
three trials, subjects were instructed to fully co-contract the
neck muscles prior to impact. A custom electromyogram sys-
tem was attached to each subjects’ sternocleidomastoid muscle
and acquired using an oscilloscope (TDS 2004 B, Tektronix,
Santa Clara CA) to measure muscle activity and to validate that
subjects were activating their neck muscles appropriately for the
given trial. Subjects were warned that an external load would oc-
cur within the next 10 seconds. The load was then applied after
a random wait of 2–10 seconds to minimize impact anticipation.
Test conditions were randomly ordered to prevent habituation.

Detailed methods of this study are further discussed in [27].

C. Parameter Identification and Model Validation

Linear torsional spring dampers were used to represent the
combined action of the neck muscles, ligaments, tendons, and
other soft tissue loads crossing each joint. For each subject, two
sets of joint stiffness and damping values were fit for both the
OC and C7 joints, corresponding to minimal and maximal mus-
cle activations. The Matlab genetic algorithm function (“ga”),
part of the global optimization toolbox (Mathworks, Waltham,
MA), was used to minimize a fitness function which calculated
the least squares error between the simulated angular veloc-
ity trace and the experimental angular velocity trace over the
three activated or relaxed neck muscle trials. The “hybrid func-
tion” option was used, so that at the end of the genetic algo-
rithm global optimization, the local minimizer function “pat-
ternsearch” was used to ensure convergence to the optimum
point. For the springs, the optimizer was constrained to search
between 0 and 1000 Nm/rad; for the dampers, between 0 and
30 Nms/rad. Other model parameters, including link lengths and
inertial properties, were set to 50% male values [28].
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Fig. 2. Model fit to experimental data. Stiffness and damping values of the C7 and OC joints corresponding to minimum and maximum neck
muscle activation were fit using human subject data. Shown here are the results from Subject 2. Aggregate results are presented in Table II. The
applied load to the head is an approximate half-sine of 60–80 ms duration with an amplitude of 150–200 N, depending on subject and trial number.
Load time traces are shown in [27].

TABLE II
SUBJECT-SPECIFIC JOINT PARAMETER VALUES AND VAF

Fig. 2 shows the simulated and experimental angular kine-
matics corresponding to tensed and relaxed muscles for one of
the subjects. Experimental angular acceleration was found by
differentiating velocity with a 4th order stencil. To quantify the
goodness-of-fit, we calculated the variance accounted for (VAF)
by each subject-specific model:

V AF =

⎛
⎜⎝1 −

∑ (
θ̇exp − θ̇sim

)2

∑
θ̇2

exp

⎞
⎟⎠ ∗ 100 (6)

Table II shows aggregate stiffness and damping values for the
OC and C7 joints for all five subjects, as well as the VAF for
each model. A VAF of 100% represents a perfect fit.

D. Force-Rotational Admittance Derivation

Leveraging techniques from the robotics literature on the in-
ertia of manipulators [29], we define and quantify a new term to
describe the head’s resistance to rotation, which we call “force-
rotational admittance” (FRA). The force-rotational admittance
is an analytical measure of how much angular acceleration the
head will experience from a linear input force at a given point
on the skull. It is based entirely on the linkage configuration
dependent effective inertial properties of the end-effector, or
the head. It is derived by mapping the mass matrix of the sys-
tem (1) into the coordinate frame of the end-effector using the
state-dependent Jacobian.

We refer to the equations of motion outlined in (1), (2), and
(3) as the “joint-space” dynamics, representing system dynamics
with the generalized coordinates of the joints. The dynamics of
the system within the coordinate frame of the end-effector (a
point on the head) can be considered the “operational-space”
dynamics. The Jacobian matrix, which relates joint velocities to
end-effector velocities, maps between joint-space coordinates
and operational space coordinates. The “kinetic energy matrix”,
a measure of the effective inertial properties of the end-effector,
can therefore be derived using the mass matrix in joint space
(Equation 2) and the Jacobian:

Λ (q) =
(
J (q) M−1 (q) JT (q)

)−1
(7)

Where q is the matrix of the generalized coordinates in joint
space (Table I):

q =
[
θ φ x

]
(8)
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Fig. 3. Force-rotational admittance from flat surface contact. We considered a skull impacting a flat plane in a variety of head-neck linkage
configurations over a 20 degree C7 and OC joint range. The FRA was derived at the point on the skull closest to the plane. Six configurations
of interest are shown. Both impact location and head striking angle can drastically change the FRA, and therefore the expected head angular
acceleration.

The Jacobian matrix associated with the linear velocities of a
point on the skull is:

Jv =

⎡
⎢⎢⎣

−L cos θ − h cos (θ + φ) − ρ cos (θ + φ + γ)
−h cos (θ + φ) − ρ cos (θ + φ + γ) 1

−L sin θ − h sin (θ + φ) − ρ sin (θ + φ + γ)
−h sin (θ + φ) − ρ sin (θ + φ + γ) 0

⎤
⎥⎥⎦

(9)

The distance and angle between the skull center of mass and
impact point are denoted with variables ρ and γ. The Jacobian
matrix associated with the angular velocity of the head, for any
point on the skull, is:

Jw =
[
1 1 0

]
(10)

Λvw (q) describes the coupling between linear input forces
and head angular velocities:

Λvw (q) = Jv (q) M−1 (q)JT
w (q) (11)

M(q) is the mass matrix of the system in joint space as
described by Equation 2. Given any input force vector F =
[Fx Fy ] acting through a certain point on the head, the analyti-
cal solution to the instantaneous angular acceleration the head
will experience from that input force at that point is given by:

αhead = F · Λvw (q)T (12)

Similarly, the head’s linear acceleration response to an input
force can be found as follows:

Λv (q) = Jv (q) M−1 (q) JT
v (q) (13)

ẍhead = ‖F · Λv (q)‖2 (14)

For our analysis, we are interested in the relative susceptibility
of the head to angular acceleration at different points on the
skull and with different neck joint configurations, generalized to
any input force magnitude. Thus, we define the force-rotational
admittance (FRA) and force-linear admittance (FLA) as follows:

FRA = u · Λvw (q)T (15)

FLA = ‖u · Λv (q)‖2 (16)

Vector u is a unit vector describing a force input direction.
The FRA (rad/s2/N) and FLA (m/s2/N) at a point on the skull
give a measure of how much angular and linear acceleration the
head will experience from a unit input force.

E. Force-Rotational Admittance at Points on the Human
Head

The utility of the FRA in understanding how the head-neck
positioning dictates head rotation is visualized in Fig. 3, where
we show small changes in head-neck positioning can signifi-
cantly vary the expected head impact angular acceleration. We
considered a skull impacting a flat plane in 1000 different head-
neck linkage configurations varying over a 20 degree C7 and
OC joint range. In previous studies, the OC joint has been found
to have a range of motion up to approximately 20 degrees in
flexion-extension [30]. In our two-pivot model, the single C7
pivot represents the remaining T1-C2 vertebrae motion, which
cumulatively have a range over 100 degrees in flexion-extension
[31]. However, in Fig. 3, we show a C7 joint range of only 20
degrees to match the OC joint range for illustrative purposes.
In each configuration, we derived the FRA to a horizontal input
force at the “impact point” on the skull closest to the verti-
cal plane, and chose six configurations of interest. From this
analysis, we see that the FRA is sensitive to both the impact lo-
cation and the linkage configuration. Small changes in linkage
angles of just a few degrees can change the FRA, and therefore
the expected angular acceleration, by orders of magnitude. For
example, configuration 5 is only a few degrees different than
configuration 4, although the FRA is over an order of mag-
nitude higher. The primary factor in determining the resulting
FRA is the orientation of the skull relative to the impact plane.
The orientation of the skull is controlled by the C7 and OC
joint angles, but different joint angle combinations can lead to
the same skull orientation, and therefore the same FRA value.
For example, configurations 1, 2, and 3 all have different OC
and C7 joint angles, but have almost identical skull orientations
relative to the impact force, so the FRA at the point of contact
is nearly identical. Conversely, in configurations 5 and 6, the



FANTON et al.: DEPENDENCY OF HEAD IMPACT ROTATION ON HEAD-NECK POSITIONING AND SOFT TISSUE FORCES 993

Fig. 4. Force-rotational admittance along skull face. (a) The FRA was derived along the front of the head from a horizontal impact force. The length
of each line visualizes how much angular acceleration the head will experience from a force input along that line. (b) The FRA was compared to
simulated angular acceleration from 10 ms, 150 N impacts. The simulated peak angular acceleration and the predicted FRA angular acceleration
values are correlated with a slope of 1.15, suggesting that changes in FRA correspond closely to changes in peak angular acceleration in fast
impacts.

contact point is on the chin, yet the FRA of 6 is much lower
due to the different orientation of the skull relative to the impact
force. It can be seen in Fig. 3 that there are diagonal “iso-lines”
of approximately constant FRA value; these lines correspond to
joint configurations that lead to constant skull orientation rela-
tive to the impact force. The sharp boundaries along the diagonal
represent when the point of contact transitions from the chin up
to the forehead.

In a realistic impact scenario, a complexity of forces can act
on the skull at various locations, sometimes in quick succession
[32], [33]. We extended our analysis in Fig. 4(a), by deriving
the FRA to a horizontal input force at points along the length
of the skull face. The length of the line represents the FRA
magnitude, and the color represents FRA directionality (positive
or negative). Based solely on the inertial properties of the head
and neck, the angular acceleration response of the head varies
significantly in both magnitude and direction. This formulation
predicts that there is an optimal contact location on the skull,
at which the angular acceleration response will be minimized,
which varies in location based on head-neck positioning.

The FRA predicts the angular response of the head to an in-
stantaneous input force. The force from a typical head impact
in contact sports, such as football, acts more like a half-sine
input over 10–40 ms [25], [34]. Thus, the head-neck configu-
ration at the time of peak force is slightly different than the
initial head-neck configuration. To quantify the accuracy of
the FRA in predicting peak head angular acceleration from these
short-duration impacts, we compared the FRA to the simulated
angular head acceleration from a 150 N, 10 ms half sine force at
impact points up and down the face of the skull (Fig. 4(b)). We
found that changes in peak angular head acceleration correlate
to changes in FRA value with a slope of 1.15, demonstrating
that comparing the FRA at different impact points gives a good
estimate of the relative head angular acceleration experienced.

F. Influence of Muscle Activation on Head Rotation

To understand the effects of increasing soft tissue forces
due to muscle activation on head rotation, we subjected our

subject-specific head-neck models to a variety of input forces to
represent different impact conditions. To best match the impact
conditions of our laboratory human subjects, the impact force
was applied horizontally at the head center of mass, with the
cervical spine in an upright position.

In Fig. 5(a), we applied an impulse of 6 N-s to the head in
all five subject-specific models of both tensed and relaxed neck
muscles. The impulse was kept constant over different force
durations to represent scaling in realistic impact scenarios – in
general, shorter and faster head impacts will be higher in force
magnitude while longer and slower impacts will be lower. The
average reduction in peak angular head kinematics was plotted
over different impact durations. At the low impulse severity,
full neck muscle activation lowered peak angular head velocity
and acceleration by up to 40% in 160 ms impacts, with a lesser
effect in shorter duration impacts. Fig. 5(b) simulates a more
severe impulse of 50 N-s meant to represent a force input which
could cause injury [25]. In impacts with long contact durations
of over 100 ms, angular velocity was similarly reduced by nearly
30% from minimum to maximum muscle activation; however,
in the region that football head impacts are most likely to fall
under, between 10–40 ms, a ngular velocity was only reduced by
10–20%. In both low and high severity impulses, head angular
acceleration increased with increased muscle activation in very
short duration impacts of less than 15 ms.

Example angular acceleration traces from three different im-
pacts, with varying levels of muscle activation, are shown in
Fig. 5(c), (d), (e) using the head-neck model of Subject 1. In a
150 N impact of 65 ms, muscle activation reduced kinematics
by 15% (Fig. 5(c)). In a 3000 N impact of 25 ms, angular ac-
celeration was only reduced 3%. In a 500 N impact of 150 ms
duration, the first peak in angular acceleration was reduced by
over 30%.

G. Force-Rotational Admittance of the Woodpecker

In humans, we found that the analytically-derived FRA, based
purely on head-neck inertial and geometric properties, can ac-
curately predict how much angular acceleration the head will
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Fig. 5. The effect of muscle activation on head kinematics. Relative to the positioning of the head and neck, the soft tissue has a lesser effect on
head impact rotation. (a) A low severity impulse of 6 N-s and (b) A high severity impulse of 50 N-s was applied to the center of mass of the head to
each subject-specific model to represent the laboratory testing. Averaging over all five subjects, the reduction in angular acceleration and velocity
over different impact durations was plotted. We plotted the simulated traces of (c) laboratory head impacts, (d) high speed football impacts, and (e)
longer duration head impacts at various levels of muscle activation. The red trace represents the stiffness and damping values that correspond to
full muscle activation, while the blue trace represents the values corresponding to relaxed muscles. To represent partial muscle activation, stiffness
and damping parameters were linearly interpolated between minimum and maximum muscle activation values and are shown as a gradient varying
from blue to red.

experience from a short duration input force. Conversely, soft
tissue forces had a relatively insignificant effect. Woodpeck-
ers experience linear head accelerations of up to 1000 g over
1–2 ms [3]; however, the rotational component of these accel-
erations remain unknown. Because deriving the FRA requires
no information about soft tissue properties, we can estimate
the woodpecker head impact rotation from the short duration
impacts it experiences based solely on its hard skeletal tissue
anatomy.

We modified our two-pivot head-neck human model to ap-
proximately match the geometric and inertial properties of the
woodpecker (Table III). Link lengths and joint locations for the
woodpecker model were taken from a CT scan of a whole body
Picoides albolarvatus [35], taken from the NSF digital library.
CT scan slice data were uploaded into Fiji image processing
package. The torso was assumed to be fixed to model the bird
perched on a tree. Lengths and geometries were extracted using
Fiji. Mass and inertia properties were taken from previously pub-
lished values [36]. The angle of the woodpecker’s beak at time
of contact was characterized in a previous study to be roughly
79 degrees below horizontal [37]. Knowing this contact angle,
and the geometric link lengths of the beak, head, and cervi-
cal spine, we estimated the upper and lower cervical spine joint

TABLE III
WOODPECKER LINKAGE MODEL SYMBOLS AND PARAMETER VALUES

angles of the woodpecker at contact, shown as configuration 3 in
Fig. 6.

To match a typical woodpecker pecking force, the FRA of a
horizontal impact force at the tip of the woodpecker beak was
analyzed over a 40 degree range of upper and lower joint values
(Fig. 6). At configuration 3, our estimated pre-impact linkage
configuration, the derived FRA is near minimum, suggesting
that woodpeckers position their head and neck, relative to the
impact force, in a way which minimizes head rotation, despite
experiencing severe linear accelerations. Configurations 2 and 4
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Fig. 6. Force-rotational admittance of a woodpecker. We adapted our linkage model to match the geometry and inertia of a woodpecker. We
considered a woodpecker impacting a flat plane in a variety of head-neck linkage configurations over a 40 degree lower and upper joint range,
and derived the FRA to a horizontal force at the beak tip. Five configurations of interest are shown. Configuration 3 corresponds to the estimated
positioning of a woodpecker prior to impact; this corresponds to a near minimum FRA value.

Fig. 7. Angular/linear acceleration ratio in woodpeckers and humans.
We divided the force-rotational acceleration (expected angular acceler-
ation) by the force-linear acceleration (expected linear acceleration) in
woodpeckers, shown in purple, and humans, shown in blue. We also
compared 421 in-vivo human head impacts recorded with an instru-
mented mouthguard in American football. Woodpeckers experience far
less relative angular to linear head acceleration.

would result in angular accelerations nearly an order of magni-
tude higher. Interestingly, configurations 1 and 5 have a similar
FRA to configuration 3, as they lead to a similar head striking
position.

The difference in relative linear to angular accelerations be-
tween humans and woodpeckers is further explored in Fig. 7.
The analytically-derived rotational response of the head (FRA)
was divided by the linear acceleration response of the head
(FLA) to quantify the relative angular-linear acceleration expe-
rienced from a horizontal impact force. From a force applied at
the tip of the beak, the woodpecker experiences a ratio up to
1.84 rad/m at ±20 degrees about its nominal pre-impact link-
age configuration. Conversely, a human can experience forces
anywhere on the head. Over the cervical spine joint limits of
a human, our model predicts they can experience a ratio up to
12.27 rad/m from a horizontal impact with a surface.

In-vivo data supports model results. Taking 421 American
football direct head impacts captured with an instrumented
mouthguard [34], the vast majority of these impacts had a
peak angular to linear head acceleration ratio between 5.8 and

10 rad/m, with a few outliers up to 17 rad/m, far above that
of our woodpecker model. The small discrepancy between our
model and human data may be due to the modeled torso being
constrained to translation only.

III. DISCUSSION

Using a simplified rigid linkage model of the head and neck,
we found that small changes in head-neck positioning can dras-
tically change the effective admittance of the head to rotation,
and can change peak angular head accelerations by orders of
magnitude. Comparatively, the soft tissue loads from increas-
ing muscle activation from minimum to maximum values had a
much lesser effect, which varied based on impact scenario.

A. Two-Pivot Rigid Linkage Manipulator Model

In a previous study, the authors found that, in sagittal exten-
sion, the head instantaneous center of rotation moves signifi-
cantly up and down the length of the neck, and thus a multi-
joint system must be used to properly capture its motion [27].
Anatomically, this may be due to the compliance of the neck
at the atlanto-occipital joint, which allows bending in sagittal
flexion but not lateral extension. From the perspective of the
head as a robotic “end-effector” of the cervical spine, utiliz-
ing a two-pivot model is also fitting. In the sagittal plane, a
human can actively rotate their head by bending their lower cer-
vical spine, while independently nodding their head about the
atlanto-occipital joint. Thus, two rotational degrees of freedom
are needed to describe how the cervical spine controls rotation of
the head relative to the torso. Even complex rigid-body models
of the cervical spine use only two rotational degrees of freedom
in sagittal extension; for example, in [38], the bending of the
lower joint is distributed over the C2-C7 vertebrae, while the C1
vertebrae is given the freedom to rotate independently.

In this study, we showed that a two-pivot model can accurately
capture the sagittal plane head kinematics of human head im-
pacts with proper stiffness and damping values fit to each joint.
Table II overviews the stiffness and damping values fit to each
subject. Joint stiffness and damping varied considerably across
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subjects, but increasing muscle activation generally increased
both stiffness and damping across all subjects, as expected. The
neck joint parameter values found in this study are similar to
those of similar previous studies which treated the neck as a
single pivot joint. In [12], it was found that the average neck
stiffness varied between 14 and 22 Nm/rad in sagittal extension,
while average viscosity varied between 1.8 and 2.4 Nm-s/rad.
In [14], average stiffness was found to vary between 22.6 and
41.3 Nm/rad. The larger range found in the present study likely
reflects the more significant differences in exertion level that
was instructed to the test subjects. A large stiffness range was
found in [39], [40], between 28.4 up to nearly 300 Nm/rad, with
varying levels of neck muscle activation. The authors in these
studies neglected damping and considered the dynamic stiff-
ness rather than the static stiffness, which likely accounts for
this increased range.

Similar to prior studies [12], [39]–[41], we found a large
variance in stiffness parameters between subjects and muscle
activation levels. We expect this variance to be in part due to
differences between subjects in active muscle strength, pas-
sive muscle fiber properties, and geometric properties such as
muscle moment arms and attachment points. Many neck mus-
cles span multiple joints in the neck, and have considerable
variation in number and location of tendon attachment points
between individuals [42]. It is conceivable that neck joint pa-
rameters could vary significantly between subjects depending on
these factors.

Two-pivot neck models have been used extensively to capture
the global kinematics of human subjects in whiplash tests in
a series of studies from the Navy in the 1970’s and 1980’s
[43]. Although the method of head loading in these trials came
from torso accelerations, fundamentally different than the direct
head loading in this study, the stiffness and damping values
used to fit this data fall within the range of values found using
our methodology. This suggests that human neck stiffness and
damping parameters may stay consistent over different methods
of head loading and impact durations.

B. Head-Neck Positioning Dictates Rotational Impact
Kinematics

Our simple linkage model allows us to derive analytical re-
lationships between the head positioning and its rotational re-
sponse to an input force, which we termed the force-rotational
admittance (FRA). The FRA predicts that small changes in head-
neck positioning can change head angular acceleration by orders
of magnitude by changing the effective end-effector inertia. This
effect is far greater than the effect of increasing soft tissue forces
to maximal muscle activation. This signifies the importance of
proper head positioning prior to impact, and helps to explain
the underlying mechanisms behind the clinically observed rela-
tionships between head orientations and resulting accelerations
[25].

Our FRA analysis shows there is an optimal contact location
on the skull from a horizontal input force (Fig. 4). This loca-
tion varies in height depending on the configuration of the neck
joints. Although the relationship between the vertical impact

location, neck joint angles, and resulting FRA is mathemati-
cally complex, in general, forces further from the center of mass
of the head resulted in higher FRA values and head angular
accelerations. Indeed, past experimental studies have found that
non-centric impacts, or “glancing blows,” can lead to signif-
icantly larger head angular accelerations than centric impacts
[44], [45].

The results from this work have noteworthy implications on
the design of helmets and other protective gear. The FRA can
be used as a tool to evaluate how placing an object on the head
will effect rotational head accelerations. For example, we found
that the head has a higher FRA to a horizontal input force on the
chin than on the forehead; this trend would likely be amplified
with a football helmet facemask, which protrudes out further
than the chin. Likewise, the FRA could be used to quantify how
protrusions on the forehead, such bicycle helmet visors, affect
angular accelerations in frontal impacts. It is important to con-
sider how protective gear add-ons affect the head’s vulnerability
to angular accelerations, and in future work the FRA can be used
to optimize the shape and geometry of protective gear to min-
imize head rotation. Similarly, this approach could be used to
suggest rule changes that enforce proper head positioning prior
to tackling in contact sports.

Lastly, we showcased the utility of the FRA by studying
the inertial properties of the woodpecker, an animal which
experiences linear accelerations orders of magnitude above
concussive-level human head accelerations without apparent
injury [3], [37]. We found that the woodpecker linkage con-
figuration at impact naturally occurs near a minimum of the
FRA from a horizontal input force. We posit that this could
contribute to their brain injury resilience; given the rapidly-
increasing body of evidence that head rotation is a key factor
in TBI in humans [9], [46], it can be reasonably assumed that
woodpeckers, by reducing head rotation, are lowering their risk
of brain injury. Indeed, a previous high-speed video analysis
of woodpecker impacts found that the beak trajectory is nearly
linear before and after impact [3]. It is important to emphasize
that this could be one of many reasons why woodpeckers are
more resilient to brain injury. Many studies have presented a
number of theories about the unique shape and energy absorp-
tion properties of skull and hyoid apparatus of the woodpecker
[47]–[50]. Others have suggested that brain tolerance to accel-
eration is inversely related to brain mass; a woodpecker’s brain
mass is roughly 0.1–0.5% that of a human, making it far more
tolerant to both linear and angular acceleration [3], [37], [51].
Our results suggest that the positioning of their skeletal tissue
may contribute to these other mechanisms to help explain how
brain injury is avoided. With the proper anatomical and inertial
properties, this approach could be used to study the head impact
rotation of other animals resilient to brain trauma, such as the
bighorn sheep.

C. The Effects of Neck Muscle Activation Vary Based on
Impact Scenario

Through simulations of different head impact durations and
severities, we found that increasing the soft tissue forces from
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fully activating the neck muscles had a different effect in
different impact scenarios. This could help to explain much of
the conflict in currently literature about the link between neck
strength or activation and injury risk.

Due to ethics considerations, it is not possible to obtain hu-
man subject data from injury-level head impacts in laboratory
testing. Thus, laboratory head impact tests involving human
subjects typically employ low severity impacts of long duration
(between 50–100 ms) and try to extrapolate to higher severities.
In this lower severity impact regime, our models predicted that
fully activating the neck muscles reduces peak angular head ac-
celerations by up to 20% and velocities by up to 30%, when
averaged over the 5 subjects. This is in line with other similar
experimental studies: [15] found that anticipatory activation re-
duced peak angular velocity on average by 9.6%; [12] found
that activation reduced peak angular velocity by 18.6%; and
[14] found that anticipation reduced peak angular acceleration
by 25% in male subjects. These studies postulated that muscle
activation can reduce the risk of injury, yet our model showed
that increasing soft tissue forces has a different effect in high
severity impact scenarios.

In short duration, high severity impacts, similar to what could
be experienced in contact sports, our models predicted that fully
activating the neck muscles had a lesser effect on reducing an-
gular velocity. Further, we found that in very short duration
impacts below 20 ms, angular accelerations increased from ac-
tivating neck muscles. Although this result was unexpected, it
is in line with other work which utilized more complex finite
element models. In finite element simulations of short duration
head impacts in a variety of contact sports, it was found that
muscle activation increased angular accelerations in a majority
of the trials; the authors attributed this increase to muscle activa-
tion changing in the effective center of rotation of the head [22].
Similarly, a finite element study of pedestrian impacts found
that there was an increase in brain tissue strain by up 1–14%
due to muscle activation [23]; presumably, this tissue strain is
correlated with rotational acceleration.

These results suggest that soft tissue forces are incapable
of substantially reducing the angular kinematics in head
impacts when compared to the head-neck positioning. This
result may help to explain the field studies that did not find
reductions in peak head accelerations due to increases in static
strength or muscle activation of the neck, despite their initial
hypotheses that predict otherwise [18]–[20]. Because of the
small effect of the soft tissue on rotational kinematics, the
effect of increasing neck stiffness and damping due to muscle
activation or strengthening may be statistically undetectable
without a substantially large number of impact trials, which
are not logistically possible or safe in an in-vivo human
study.

It has been argued that neck muscle activation can reduce
angular velocity from concussive-level impacts in the coronal
plane by reducing angular velocity by 22% [21]. However, in
lateral flexion, the neck acts more like a single pivot joint [27],
and thus the effects of soft tissue forces likely vary in this plane
from what we found with our sagittal plane model. Regardless,

the reduction found in [21] is still relatively insignificant com-
pared to that of head-neck positioning found in the present
study.

D. Study Limitations and Future Work

The primarily limitation of this study is that the model de-
veloped is a simplification of human anatomy. We are using
a two-dimensional lumped parameter model of the cervical
spine, whereas the human neck is much more complex, with
highly non-linear stiffness and damping values which likely
vary greatly between subjects. It has been shown that the neck
joints become much stiffer as they reach their joint limits [41],
[52]. Due to safety reasons, we were unable to test human sub-
jects near these joint limits, and it is unknown how the stiffness
and damping values change in these limits with increased mus-
cle activation. Thus, our soft tissue results only remain valid
as long as the neck remains within its joint limits, where stiff-
ness and damping is more linear. Further, the cervical spine has
some axial compliance and can buckle under large loads [53],
which was neglected in this study, and may affect the derived
head inertial properties. Additionally, the model was based on
data from only five male subjects, who may not be representa-
tive of the general population; the average physiology differed
slightly from that of the 50th percentile male [27]. As such, the
findings from our model represent high-level trends and esti-
mates rather than comprehensive conclusions. In future work, a
more anatomically detailed model could further elucidate how
neck parameters vary with muscle activation or strength, and
quantify the contribution from different soft tissue structures. A
more complex model would also allow a comprehensive study
on how head-neck positioning affects the tradeoff between brain
and neck injury risk, as we did not investigate how head posi-
tioning affects the risk of cervical spine injury, which is known
to be sensitive to impact orientation [24], [54]. Additionally,
the FRA quantifies head angular acceleration, which has been
found to be correlated to injury risk. However, the relation-
ship between head rotation, brain tissue strain, and resulting
neurological outcome is still under investigation. Future brain
injury studies may uncover the importance of linear motion
in brain injury, which was assumed to be safer than angular
motion in this study. Lastly, this model only investigated sagit-
tal plane impacts. The cervical spine is known to constrain
the head differently in different planes of motion [27], which
could lead to different results in the effect of both hard and soft
tissue.

Future human subject studies are needed to verify the phys-
iological relationships found in this paper. The experimental
protocol used in the present study could be adapted to dif-
ferent loading magnitudes and durations (within safe limits),
non-centric head loading, and different loading directions (e.g.,
off-axis loading) to verify the hypotheses generated by our rigid-
linkage model and provide insight into its limitations. This study
could also guide the development of biofidelic surrogate neck
models, which could be used to experimentally validate our
FRA results.
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IV. CONCLUSION

Here, we present a rigid linkage manipulator model of the
head and neck using laboratory human subject data to study the
effect of the head-neck positioning versus the soft tissue forces
on head impact rotation. We introduced the “force-rotational
admittance,” an analytical solution to the rotational response
of the head from an input force at a certain point. Our models
demonstrated that small changes in head-neck positioning can
affect the rotational response of the head by an order of mag-
nitude. Comparatively, increasing soft tissue forces from full
neck muscle activation had a lesser effect, which depended on
the contact duration and severity.

The simple rigid linkage models presented in this work pro-
vide clear, meaningful insights and analytical solutions to high-
level trends that would be confounded with more complex mod-
els. Our FRA analysis, based purely on geometric and inertial
properties, can be used to study the head rotation in other ani-
mals, and to drive the development of protective gear meant to
minimize head rotations.

ACKNOWLEDGMENT

The authors would like to thank M. Kurt and K. Laksari for
their help with dynamic modeling, L. Wu for her help with run-
ning and analyzing simulations, and H. Alizadeh for insightful
discussions about optimization.

REFERENCES

[1] O. Khatib et al., “Robotics-based synthesis of human motion,” J. Physiol.
Paris, vol. 103, nos. 3–5, pp. 211–219, 2009.

[2] E. Demircan et al., “Muscular effort for the characterization of human
postural behaviors,” Springer Tracts Adv. Robot., vol. 109, pp. 685–696,
2016.

[3] P. R. A. May et al., “Woodpecker drilling behavior: An endorsement of
the rotational theory of impact brain injury,” Arch. Neurol., vol. 36, no. 6,
pp. 370–373, 1979.

[4] A. Drake et al., “Horn and horn core trabecular bone of bighorn sheep
rams absorbs impact energy and reduces brain cavity accelerations during
high impact ramming of the skull,” Acta Biomater., vol. 44, pp. 41–50,
2016.

[5] K. M. Guskiewicz et al., “Association between recurrent concussion and
late-life cognitive impairment in retired professional football players,”
Neurosurgery, vol. 57, no. 4, pp. 719–726, 2005.

[6] A. H. S. Holbourn, “Mechanics of head injuries,” Lancet, vol. 242,
no. 6267, pp. 438–441, 1943.

[7] T. A. Gennarelli et al., “Diffuse axonal Injury: An important form of
traumatic brain damage,” Neuroscientist, vol. 4, no. 3, pp. 202–215, 1998.

[8] A. K. Ommaya et al., “Cerebral concussion in the monkey: An experi-
mental model,” Science, vol. 153, no. 3732, pp. 211–212, 1966.

[9] S. Kleiven, “Predictors for traumatic brain injuries evaluated through acci-
dent reconstructions,” Stapp Car Crash J., vol. 51, pp. 81–114, Oct. 2007.

[10] C. Hrysomallis, “Neck muscular strength, training, performance and sport
injury risk: A review,” Sports Med., vol. 46, no. 8, pp. 1111–1124, 2016.

[11] J. D. Schmidt et al., “The influence of cervical muscle characteristics on
head impact biomechanics in football,” Amer. J. Sports Med., vol. 42,
pp. 2056–2066, 2014.

[12] M. Simoneau et al., “Role of loading on head stability and effective neck
stiffness and viscosity,” J. Biomech., vol. 41, no. 10, pp. 2097–2103, 2008.

[13] C. L. Collins et al., “Neck strength: A protective factor reducing risk
for concussion in high school sports,” J. Primary Prev., vol. 35, no. 5,
pp. 309–319, 2014.

[14] R. T. Tierney et al., “Gender differences in head-neck segmnet dynamic
stabilization during head accelaration,” Med. Sci. Sports Exerc., vol. 37,
no. 2, pp. 272–279, 2005.

[15] J. T. Eckner et al., “Effect of neck muscle strength and anticipatory cervical
muscle activation on the kinematic response of the head to impulsive
loads,” Amer. J. Sports Med., vol. 42, no. 3, pp. 566–576, 2014.

[16] G. M. Gutierrez et al., “The relationship between impact force, neck
strength, and neurocognitive performance in soccer heading in adolescent
females,” Pediatr. Exerc. Sci., vol. 26, no. 1, pp. 33–40, 2014.

[17] K. Hasegawa et al., “Does clenching reduce indirect head acceleration
during rugby contact?” Dental Traumatol., vol. 30, no. 4, pp. 259–264,
2014.

[18] P. Lisman et al., “Investigation of the effects of cervical strength training
on neck strength, EMG, and head kinematics during a football tackle,” Int.
J. Sports Sci. Eng., vol. 6, no. 3, pp. 131–140, 2012.

[19] J. Mansell et al., “Resistance training and head-neck segment dynamic
stabilization in male and female collegiate soccer players,” J. Athletic
Train., vol. 40, no. 4, pp. 310–319, 2005.

[20] J. P. Mihalik et al., “Does cervical muscle strength in youth ice hockey
players affect head impact biomechanics?” Clin. J. Sport Med., vol. 21,
no. 5, pp. 416–421, Sep. 2011.

[21] X. Jin et al., “The role of neck muscle activities on the risk of mild
traumatic brain injury in American football,” J. Biomech. Eng., vol. 139,
2017.

[22] C. P. Eckersley et al., “Effect of neck musculature on head kinematic
response following blunt impact Christopher,” in Proc. IRCOBI Conf.,
2017, pp. 674–676.

[23] V. S. Alvarez et al., “The influence of neck muscle tonus and posture on
brain tissue strain in pedestrian head impacts,” Stapp Car Crash J., vol. 58,
pp. 63–101, Nov. 2014.

[24] J. F. Heck et al., “National athletic trainers’ association position statement:
Head-down contact and spearing in tackle football,” J. Athletic Train.,
vol. 39, no. 1, pp. 101–111, 2004.

[25] D. C. Viano and E. J. Pellman, “Concussion in professional football:
Biomechanics of the striking player—Part 8,” Neurosurgery, vol. 56, no. 2,
pp. 266–280, 2005.

[26] M. de Jager, “Mathematical modelling of the human cervical spine: A
survey of the literature,” in Proc. IRCOBI Conf. Biomech. Impacts, 1993,
pp. 213–227.

[27] C. Kuo et al., “Spinal constraint modulates head instantaneous center of
rotation and dictates head angular motion,” J. Biomech., 2018.

[28] N. Yoganandan et al., “Physical properties of the human head: Mass,
center of gravity and moment of inertia,” J. Biomech., vol. 42, no. 9,
pp. 1177–1192, Jun. 2009.

[29] O. Khatib, “Inertial properties in robotic manipulation: An object-level
framework,” Int. J. Rob. Res., vol. 14, no. 1, pp. 19–36, 1995.

[30] N. Bogduk and S. Mercer, “Biomechanics of the cervical spine. I: Normal
kinematics,” Clin. Biomech., vol. 15, no. 9, pp. 633–648, 2000.

[31] R. W. Nightingale et al., “Comparative strengths and structural properties
of the upper and lower cervical spine in flexion and extension,” J. Biomech.,
vol. 35, no. 6, pp. 725–732, 2002.

[32] F. Hernandez et al., “Six degree-of-freedom measurements of human mild
traumatic brain injury,” Ann. Biomed. Eng., vol. 43, no. 8, pp. 1918–1934,
2015.

[33] B. M. Knowles et al., “Influence of rapidly successive head impacts on
brain strain in the vicinity of bridging veins,” J. Biomech., vol. 59, pp. 59–
70, 2017.

[34] F. Hernandez et al., “Evaluation of a laboratory model of human head
impact biomechanics,” J. Biomech., vol. 48, no. 12, pp. 3469–3477,
2015.

[35] D. Staff, “Picoides albolarvatus,” 2011.
[36] J. F. V Vincent et al., “A woodpecker hammer,” Proc. Inst. Mech. Eng.,

Part C, J. Mech. Eng. Sci., vol. 221, no. 10, pp. 1141–1147, 2007.
[37] Y. Liu et al., “A study of woodpecker’s pecking process and the impact

response of its brain,” Int. J. Impact Eng., vol. 108, pp. 263–271, 2017.
[38] A. N. Vasavada et al., “Influence of muscle morphometry and moment

arms on the moment-generating capacity of human neck muscles,” Spine,
vol. 23, no. 4, pp. 412–422, 1998.

[39] R. Portero et al., “Influence of cervical muscle fatigue on musculo-
tendinous stiffness of the head-neck segment during cervical flexion,”
PLoS One, vol. 10, no. 9, p. e0139333, 2015.

[40] R. Portero et al., “Musculo-tendinous stiffness of head-neck segment in
the sagittal plane: An optimization approach for modeling the cervical
spine as a single-joint system,” J. Biomech., vol. 46, no. 5, pp. 925–930,
2013.

[41] S. M. McGill et al., “Passive stiffness of the human neck in flexion,
extension, and lateral bending,” Clin. Biomech., vol. 9, no. 3, pp. 193–
198, May 1994.



FANTON et al.: DEPENDENCY OF HEAD IMPACT ROTATION ON HEAD-NECK POSITIONING AND SOFT TISSUE FORCES 999

[42] L. K. Kamibayashi and F. J. R. Richmond, “Morphometry of human neck
muscles,” Spine, vol. 23, no. 12, pp. 1314–1323, 1998.

[43] A. C. Bosio and B. M. Bowman, “Simulation of head-neck dynamic
response in −Gx and +Gy,” in Proc. 30th Stapp Car Crash Conf., 1986.

[44] B. S. Elkin et al., “Brain tissue strains vary with head impact location: A
possible explanation for increased concussion risk in struck versus striking
football players,” Clin. Biomech., Mar. 2018.

[45] A. Post et al., “IRC-12-52 IRCOBI conference 2012,” in Proc. Int. Conf.
Res. Council Biomech. Injury, 2012, pp. 419–429.

[46] S. Ji et al., “Head impact accelerations for brain strain-related re-
sponses in contact sports: A model-based investigation,” Biomech. Model.
Mechanobiol., vol. 13, no. 5, pp. 1121–1136, 2014.

[47] Y. Liu et al., “Response of woodpecker’s head during pecking process sim-
ulated by material point method,” PLoS One, vol. 10, no. 4, p. e0122677,
2015.

[48] J.-Y. Jung et al., “Structural analysis of the tongue and hyoid apparatus in
a woodpecker,” Acta Biomater., vol. 37, pp. 1–13, 2016.

[49] S.-H. Yoon and S. Park, “A mechanical analysis of woodpecker drumming
and its application to shock-absorbing systems,” Bioinspir. Biomim., vol. 6,
no. 1, p. 16003, 2011.

[50] Z. Zhu et al., “Energy conversion in woodpecker on successive peckings
and its role on anti-shock protection of brain,” Sci. China Technol. Sci.,
vol. 57, no. 7, pp. 1269–1275, 2014.

[51] L. J. Gibson, “Woodpecker pecking: How woodpeckers avoid brain in-
jury,” J. Zool., vol. 270, no. 3, pp. 462–465, 2006.

[52] H. Mertz and L. Patrick, “Strength and response of the human neck,” in
Proc. Stapp Car Crash Conf., 1971, pp. 2903–2928.

[53] M. Shea et al., “Variations of stiffness and strength along the human
cervical spine,” J. Biomech., vol. 24, no. 2, pp. 95–107, 1991.

[54] R. W. Nightingale et al., “Impact responses of the cervical spine: A com-
putational study of the effects of muscle activity, torso constraint, and
pre-flexion,” J. Biomech., vol. 49, no. 4, pp. 558–564, 2016.



<<
  /ASCII85EncodePages false
  /AllowTransparency false
  /AutoPositionEPSFiles true
  /AutoRotatePages /None
  /Binding /Left
  /CalGrayProfile (Gray Gamma 2.2)
  /CalRGBProfile (sRGB IEC61966-2.1)
  /CalCMYKProfile (U.S. Web Coated \050SWOP\051 v2)
  /sRGBProfile (sRGB IEC61966-2.1)
  /CannotEmbedFontPolicy /Warning
  /CompatibilityLevel 1.4
  /CompressObjects /Off
  /CompressPages true
  /ConvertImagesToIndexed true
  /PassThroughJPEGImages true
  /CreateJobTicket false
  /DefaultRenderingIntent /Default
  /DetectBlends true
  /DetectCurves 0.0000
  /ColorConversionStrategy /sRGB
  /DoThumbnails true
  /EmbedAllFonts true
  /EmbedOpenType false
  /ParseICCProfilesInComments true
  /EmbedJobOptions true
  /DSCReportingLevel 0
  /EmitDSCWarnings false
  /EndPage -1
  /ImageMemory 1048576
  /LockDistillerParams true
  /MaxSubsetPct 100
  /Optimize true
  /OPM 0
  /ParseDSCComments false
  /ParseDSCCommentsForDocInfo true
  /PreserveCopyPage true
  /PreserveDICMYKValues true
  /PreserveEPSInfo false
  /PreserveFlatness true
  /PreserveHalftoneInfo true
  /PreserveOPIComments false
  /PreserveOverprintSettings true
  /StartPage 1
  /SubsetFonts false
  /TransferFunctionInfo /Remove
  /UCRandBGInfo /Preserve
  /UsePrologue false
  /ColorSettingsFile ()
  /AlwaysEmbed [ true
    /Algerian
    /Arial-Black
    /Arial-BlackItalic
    /Arial-BoldItalicMT
    /Arial-BoldMT
    /Arial-ItalicMT
    /ArialMT
    /ArialNarrow
    /ArialNarrow-Bold
    /ArialNarrow-BoldItalic
    /ArialNarrow-Italic
    /ArialUnicodeMS
    /BaskOldFace
    /Batang
    /Bauhaus93
    /BellMT
    /BellMTBold
    /BellMTItalic
    /BerlinSansFB-Bold
    /BerlinSansFBDemi-Bold
    /BerlinSansFB-Reg
    /BernardMT-Condensed
    /BodoniMTPosterCompressed
    /BookAntiqua
    /BookAntiqua-Bold
    /BookAntiqua-BoldItalic
    /BookAntiqua-Italic
    /BookmanOldStyle
    /BookmanOldStyle-Bold
    /BookmanOldStyle-BoldItalic
    /BookmanOldStyle-Italic
    /BookshelfSymbolSeven
    /BritannicBold
    /Broadway
    /BrushScriptMT
    /CalifornianFB-Bold
    /CalifornianFB-Italic
    /CalifornianFB-Reg
    /Centaur
    /Century
    /CenturyGothic
    /CenturyGothic-Bold
    /CenturyGothic-BoldItalic
    /CenturyGothic-Italic
    /CenturySchoolbook
    /CenturySchoolbook-Bold
    /CenturySchoolbook-BoldItalic
    /CenturySchoolbook-Italic
    /Chiller-Regular
    /ColonnaMT
    /ComicSansMS
    /ComicSansMS-Bold
    /CooperBlack
    /CourierNewPS-BoldItalicMT
    /CourierNewPS-BoldMT
    /CourierNewPS-ItalicMT
    /CourierNewPSMT
    /EstrangeloEdessa
    /FootlightMTLight
    /FreestyleScript-Regular
    /Garamond
    /Garamond-Bold
    /Garamond-Italic
    /Georgia
    /Georgia-Bold
    /Georgia-BoldItalic
    /Georgia-Italic
    /Haettenschweiler
    /HarlowSolid
    /Harrington
    /HighTowerText-Italic
    /HighTowerText-Reg
    /Impact
    /InformalRoman-Regular
    /Jokerman-Regular
    /JuiceITC-Regular
    /KristenITC-Regular
    /KuenstlerScript-Black
    /KuenstlerScript-Medium
    /KuenstlerScript-TwoBold
    /KunstlerScript
    /LatinWide
    /LetterGothicMT
    /LetterGothicMT-Bold
    /LetterGothicMT-BoldOblique
    /LetterGothicMT-Oblique
    /LucidaBright
    /LucidaBright-Demi
    /LucidaBright-DemiItalic
    /LucidaBright-Italic
    /LucidaCalligraphy-Italic
    /LucidaConsole
    /LucidaFax
    /LucidaFax-Demi
    /LucidaFax-DemiItalic
    /LucidaFax-Italic
    /LucidaHandwriting-Italic
    /LucidaSansUnicode
    /Magneto-Bold
    /MaturaMTScriptCapitals
    /MediciScriptLTStd
    /MicrosoftSansSerif
    /Mistral
    /Modern-Regular
    /MonotypeCorsiva
    /MS-Mincho
    /MSReferenceSansSerif
    /MSReferenceSpecialty
    /NiagaraEngraved-Reg
    /NiagaraSolid-Reg
    /NuptialScript
    /OldEnglishTextMT
    /Onyx
    /PalatinoLinotype-Bold
    /PalatinoLinotype-BoldItalic
    /PalatinoLinotype-Italic
    /PalatinoLinotype-Roman
    /Parchment-Regular
    /Playbill
    /PMingLiU
    /PoorRichard-Regular
    /Ravie
    /ShowcardGothic-Reg
    /SimSun
    /SnapITC-Regular
    /Stencil
    /SymbolMT
    /Tahoma
    /Tahoma-Bold
    /TempusSansITC
    /TimesNewRomanMT-ExtraBold
    /TimesNewRomanMTStd
    /TimesNewRomanMTStd-Bold
    /TimesNewRomanMTStd-BoldCond
    /TimesNewRomanMTStd-BoldIt
    /TimesNewRomanMTStd-Cond
    /TimesNewRomanMTStd-CondIt
    /TimesNewRomanMTStd-Italic
    /TimesNewRomanPS-BoldItalicMT
    /TimesNewRomanPS-BoldMT
    /TimesNewRomanPS-ItalicMT
    /TimesNewRomanPSMT
    /Times-Roman
    /Trebuchet-BoldItalic
    /TrebuchetMS
    /TrebuchetMS-Bold
    /TrebuchetMS-Italic
    /Verdana
    /Verdana-Bold
    /Verdana-BoldItalic
    /Verdana-Italic
    /VinerHandITC
    /Vivaldii
    /VladimirScript
    /Webdings
    /Wingdings2
    /Wingdings3
    /Wingdings-Regular
    /ZapfChanceryStd-Demi
    /ZWAdobeF
  ]
  /NeverEmbed [ true
  ]
  /AntiAliasColorImages false
  /CropColorImages true
  /ColorImageMinResolution 150
  /ColorImageMinResolutionPolicy /OK
  /DownsampleColorImages false
  /ColorImageDownsampleType /Bicubic
  /ColorImageResolution 900
  /ColorImageDepth -1
  /ColorImageMinDownsampleDepth 1
  /ColorImageDownsampleThreshold 1.00111
  /EncodeColorImages true
  /ColorImageFilter /DCTEncode
  /AutoFilterColorImages false
  /ColorImageAutoFilterStrategy /JPEG
  /ColorACSImageDict <<
    /QFactor 0.76
    /HSamples [2 1 1 2] /VSamples [2 1 1 2]
  >>
  /ColorImageDict <<
    /QFactor 0.40
    /HSamples [1 1 1 1] /VSamples [1 1 1 1]
  >>
  /JPEG2000ColorACSImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /JPEG2000ColorImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /AntiAliasGrayImages false
  /CropGrayImages true
  /GrayImageMinResolution 150
  /GrayImageMinResolutionPolicy /OK
  /DownsampleGrayImages false
  /GrayImageDownsampleType /Bicubic
  /GrayImageResolution 1200
  /GrayImageDepth -1
  /GrayImageMinDownsampleDepth 2
  /GrayImageDownsampleThreshold 1.00083
  /EncodeGrayImages true
  /GrayImageFilter /DCTEncode
  /AutoFilterGrayImages false
  /GrayImageAutoFilterStrategy /JPEG
  /GrayACSImageDict <<
    /QFactor 0.76
    /HSamples [2 1 1 2] /VSamples [2 1 1 2]
  >>
  /GrayImageDict <<
    /QFactor 0.40
    /HSamples [1 1 1 1] /VSamples [1 1 1 1]
  >>
  /JPEG2000GrayACSImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /JPEG2000GrayImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /AntiAliasMonoImages false
  /CropMonoImages true
  /MonoImageMinResolution 1200
  /MonoImageMinResolutionPolicy /OK
  /DownsampleMonoImages false
  /MonoImageDownsampleType /Bicubic
  /MonoImageResolution 1600
  /MonoImageDepth -1
  /MonoImageDownsampleThreshold 1.00063
  /EncodeMonoImages true
  /MonoImageFilter /CCITTFaxEncode
  /MonoImageDict <<
    /K -1
  >>
  /AllowPSXObjects false
  /CheckCompliance [
    /None
  ]
  /PDFX1aCheck false
  /PDFX3Check false
  /PDFXCompliantPDFOnly false
  /PDFXNoTrimBoxError true
  /PDFXTrimBoxToMediaBoxOffset [
    0.00000
    0.00000
    0.00000
    0.00000
  ]
  /PDFXSetBleedBoxToMediaBox true
  /PDFXBleedBoxToTrimBoxOffset [
    0.00000
    0.00000
    0.00000
    0.00000
  ]
  /PDFXOutputIntentProfile (None)
  /PDFXOutputConditionIdentifier ()
  /PDFXOutputCondition ()
  /PDFXRegistryName ()
  /PDFXTrapped /False

  /CreateJDFFile false
  /Description <<
    /CHS <FEFF4f7f75288fd94e9b8bbe5b9a521b5efa7684002000410064006f006200650020005000440046002065876863900275284e8e55464e1a65876863768467e5770b548c62535370300260a853ef4ee54f7f75280020004100630072006f0062006100740020548c002000410064006f00620065002000520065006100640065007200200035002e003000204ee553ca66f49ad87248672c676562535f00521b5efa768400200050004400460020658768633002>
    /CHT <FEFF4f7f752890194e9b8a2d7f6e5efa7acb7684002000410064006f006200650020005000440046002065874ef69069752865bc666e901a554652d965874ef6768467e5770b548c52175370300260a853ef4ee54f7f75280020004100630072006f0062006100740020548c002000410064006f00620065002000520065006100640065007200200035002e003000204ee553ca66f49ad87248672c4f86958b555f5df25efa7acb76840020005000440046002065874ef63002>
    /DAN <>
    /DEU <>
    /ESP <>
    /FRA <>
    /ITA (Utilizzare queste impostazioni per creare documenti Adobe PDF adatti per visualizzare e stampare documenti aziendali in modo affidabile. I documenti PDF creati possono essere aperti con Acrobat e Adobe Reader 5.0 e versioni successive.)
    /JPN <>
    /KOR <FEFFc7740020c124c815c7440020c0acc6a9d558c5ec0020be44c988b2c8c2a40020bb38c11cb97c0020c548c815c801c73cb85c0020bcf4ace00020c778c1c4d558b2940020b3700020ac00c7a50020c801d569d55c002000410064006f0062006500200050004400460020bb38c11cb97c0020c791c131d569b2c8b2e4002e0020c774b807ac8c0020c791c131b41c00200050004400460020bb38c11cb2940020004100630072006f0062006100740020bc0f002000410064006f00620065002000520065006100640065007200200035002e00300020c774c0c1c5d0c11c0020c5f40020c2180020c788c2b5b2c8b2e4002e>
    /NLD (Gebruik deze instellingen om Adobe PDF-documenten te maken waarmee zakelijke documenten betrouwbaar kunnen worden weergegeven en afgedrukt. De gemaakte PDF-documenten kunnen worden geopend met Acrobat en Adobe Reader 5.0 en hoger.)
    /NOR <>
    /PTB <>
    /SUO <>
    /SVE <>
    /ENU (Use these settings to create PDFs that match the "Suggested"  settings for PDF Specification 4.0)
  >>
>> setdistillerparams
<<
  /HWResolution [600 600]
  /PageSize [612.000 792.000]
>> setpagedevice


