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INTRODUCTION

Crouch is a common gait abnormality in cerebral
palsy that is characterized by excessive knee flexion
during stance. Distal femoral extension osteotomy
(DFEO) and patellar tendon advancement (PTA)
procedures [1] are promising approaches to treat
impairments underlying crouch. DFEO compensates
for knee flexion contractures by creating an
extension deformity of the distal femur. PTA
corrects knee extensor insufficiency and tightens the
quadriceps by advancing the patellar tendon (PT)
insertion distally on the tibia. The combined
procedures improve knee kinematics during gait
more than traditional techniques or either procedure
in isolation [2]. However, the degree of
improvement remains variable and the procedures
have not been standardized across institutions.
Further, it is uncertain if additional procedures (e.g.
hamstring lengthening) should be performed
simultaneously. To address these issues, we are
using dynamic musculoskeletal models to assess
how surgical decisions made in
DFEO and PTA procedures
influence knee mechanics, muscle
lengths, and articular cartilage
loading in gait.

METHODS

Knee Model: We constructed a
multi-body knee model with 6
DOF tibiofemoral and

patellofemoral joints [3] (Fig. 1).

This model was created using

bony and cartilage geometries and ligament
attachment sites obtained from MR images of a
healthy adult female (61 kg, 1.65 m). The knee was
incorporated into a lower extremity musculoskeletal
model with 43 muscle-tendons acting about the hip,
knee, and ankle [4]. This new construct was shown
to accurately reproduce passive and active in vivo
knee kinematics, as measured by dynamic MRI [3].

Figure 1: Model
with 12 DOF
knee joint.

DFEO Surgical Simulation: The knee model was
modified to include a 30° knee flexion contracture.
The reference strain of the posterior capsule
ligaments was set to restrict knee extension to 30°
when a 5 Nm extension torque was applied. A
DFEO was then virtually performed by removing an
anterior wedge of the distal femur geometry. The
distal fragment was rotated to close the gap (Fig. 2),
and translated to maintain the knee axis in the same
anterior-posterior (AP) location [1]. A passive
forward simulation was then run to determine the
new resting knee posture. This process was repeated
for a series of wedge apex locations. For each apex,
we characterized the change in femur length, and
medial hamstrings and vastii lengths.
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Figure 2: A) Creation of the DFEO wedge. Sensitivity
analyses were conducted by moving the wedge apex
in the AP and superior-inferior directions. B) Altered
orientation of distal femur after removal of 30°
anterior wedge from A, and after forward simulation.

PTA Surgical Simulation: PTA was simulated by
varying the patellar tendon length such that the
reference patellar position varied between 3 cm
superior (alta) and 2 cm inferior (baja) to nominal.
For each patellar position, we simulated the knee
mechanics through a normal gait cycle. To do this,
an enhanced static optimization method was used to
simultaneously predict muscle and ligament forces,
secondary knee kinematics, and cartilage contact
pressure necessary to generate normal gait
kinematics. Maximum quadriceps and PT forces
during stance and mean patellar contact pressures in
stance were compared between conditions.
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RESULTS

DFEO Surgical Simulation: Varying the AP
location of the apex of the DFEO wedge had a
larger effect on femur and muscle lengths than
varying the superior-inferior position (Fig. 3).
Varying the apex AP location by 1 cm led to a 0.45
cm change in femur length. The osteotomy tended
to increase semimembranosus (SM) lengths
compared to their state in a contracted posture,
though they were shorter than lengths that would
occur in a fully extended knee. Vastus medialis
(VM) lengths were substantially reduced compared
to that seen in both contracted and extended
postures pre-surgically.
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Figure 3: Change in femur, SM, and VM lengths
between the original model and the model with DFEO
performed. Muscle lengths are referenced to the model
in an extended posture and with a 30° knee flexion
contracture. Nominal Y location for the DFEO wedge
was 4 cm, and X location was -1 cm (Fig 2).

PTA Surgical Simulation: Varying the patellar
position substantially altered the quadriceps and PT
forces and patellar pressures during walking (Fig.
4). A small amount of alta required the lowest
quadriceps forces needed during gait, but induced
larger PT forces and mean patellar contact
pressures. Alta also migrated the patella contact to
the inferior edge of the patella. The patella baja
positions had a tendency to increase quadriceps
force needed during walking, and drive contact to
the superior edge of the patellar facets.
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Figure 4: Maximum quadriceps (sum of all
components) and PT forces during stance and mean
patellar pressure at the maximum stance phase knee
flexion angle. Negative numbers on the x-axes
represent baja, whereas positive numbers represent
alta. Patellar pressure distributions are shown below.

CONCLUSIONS

Our DFEO simulations suggest that the procedure
has the potential to induce substantial shortening of
the femur and quadriceps, with the greatest effect
occurring when a cuneiform wedge of bone is
removed (i.e. —X apex locations). In contrast, the
hamstrings are most lengthened when the apex is
near the posterior edge of the bone (X=0.05 cm),
and a triangular wedge is removed. The latter
observation is a concern surgically where there is a
concern of introducing increased tension in the
posterior compartment structures. The PTA
simulations demonstrate that advancing the patella
alters both the knee extensor mechanism, and
cartilage loading. PTA procedures are often
performed in a way that induces patella baja, which
the model suggests may induce higher quadriceps
load and superior patellar pressure if upright gait is
achieved post-surgically. The greater quadriceps
loading seems to result from a diminished effective
moment arm of the extensor mechanism with baja.
We conclude that the insights gained through this
type of study can enhance the understanding and
planning of complex surgeries used to treat crouch.
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INTRODUCTION

Plantarflexor performance (i.e., net ankle joint
kinetics) during the push-off phase of walking
decreases precipitously in old age [1-2]. Although
potentially important, few studies of walking have
investigated the role of age-related changes in the
behavior of the Achilles tendon (AT) [3]. The free
AT governs the transmission of gastrocnemius and
soleus muscle forces, and consists of distinct bundles
of tendon fascicles arising from each of these
muscles: superficial fascicles arise from the medial
gastrocnemius and deep fascicles arise from the
soleus [4]. We recently proposed that sliding
between AT fascicle bundles may facilitate relatively
independent gastrocnemius and soleus muscle fiber
behavior, and thus muscle-tendon coordination tuned
for effective force or power generation in walking
[5]. Aging may reduce the capacity for sliding
between tendon fascicle bundles [6], thereby
potentially contributing to diminished plantarflexor
performance commonly observed in old adults.

We coupled dynamic ultrasound imaging,
quantitative motion capture, and inverse dynamic
analyses to investigate age-related changes in free

AT deformations in vivo during walking and their
B

relation to plantarflexor mechanical performance.
We first hypothesized that superficial-deep
variations in free AT deformations would be smaller
in old than young adults. Second, we hypothesized
that these more uniform AT deformations in old
adults would be accompanied by proportional
reductions in net ankle joint kinetics compared to
young adults.

METHODS

9 healthy young (mean age, 23.9 years) and 8 healthy
old (69.9 years) adults walked at three speeds (0.75,
1.00, and 1.25 m/s) on a force-sensing treadmill.
Subjects completed one 2 min walking trial at each
speed in random order. A linear array transducer
secured via a custom orthotic recorded ultrasound
radiofrequency data from the free AT approximately
6 cm superior to the calcaneal insertion (Fig. 1A). A
custom 2D speckle tracking algorithm [5] tracked
superficial and deep tissue displacements within the
free AT. We used motion capture to record lower
extremity kinematics and the position and orientation
of the wultrasound transducer. We estimated
superficial and deep AT elongation (i.e., change in
length) relative to the calcaneal insertion by
transforming the orthotic, transducer, and calcaneus
C
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Figure 1. (A) We tracked superficial and deep tissue displacements within the free AT using a 2D speckle tracking
algorithm. (B) Group mean (SE) differential (i.e., deep-superficial) free AT displacements and representative deformations.
(C) Group mean (SE) peak ankle moment and positive ankle work during push-off.
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kinematics into a common reference frame. Finally,
we calculated peak ankle moment and power, and
positive ankle work performed during push-off via
inverse dynamics. A repeated measures ANOVA
tested for significant main effects of and interactions
between age and speed on each outcome measure.
We also computed bivariate correlations between
tendon deformations and net ankle joint kinetics.

RESULTS AND DISCUSSION

We observed significant depth-dependent variations
in free AT deformations, wherein the superficial
tendon displaced significantly less and elongated
significantly more during stance than the deep
tendon at all speeds for both old and young adults.
The difference in displacements and elongations
between superficial and deep AT regions did not
differ between old and young adults at the slower two
walking speeds (p’s>0.63) (Fig. 2). However, a
significant age x speed interaction revealed that only
young adults exhibited a progressive increase in
relative motion between the superficial and deep AT
with faster walking speed (p<0.01). Consequently,
depth-dependent variations in free AT deformations
were 41% smaller in old vs. young adults at 1.25 m/s
(p=0.01) (Fig 1B). Compared to young adults, old
adults averaged 8% and 12% smaller peak ankle
moments at 1.00 m/s (p<0.01) and 1.25 m/s (p<0.01),
and performed 19% less positive ankle push-off
work at 1.25 m/s (p=0.02) (age x speed, p<0.01)
(Fig. 1C). More uniform tendon deformations in old
adults most strongly predicted reduced peak ankle
moment (R? = 0.40), but also significant correlated
with reduced peak power generation (R? = 0.15) and
positive ankle work during push-off (R? = 0.19)
(p’s<0.01) (Fig. 2).

One interpretation of our findings is that a reduced
capacity for sliding in old tendons [6] may act to
couple gastrocnemius and soleus muscle-tendon
behavior, thereby reducing net plantarflexor
performance. This coupling would be undesirable for
at least two reasons. First, the triceps surae muscles
perform different biomechanical functions during
walking, with the prevailing opinion that the
gastrocnemius contributes more to forward
propulsion and the soleus to vertical support. Thus, a
loss of independent actuation of the gastrocnemius

Back to ToC

2007 03 . .

Z 175} 2 .- .

E . s 020 T

£ p . -

§ 1501 .z 5 T

< / i B 01 .

x . « Young g ¢ « Young

4:: 1.25F ¢ & Old P Old

-5‘3 R2=040 £ R2=0.19

< =

T 400l I I . pl< 0_0{)1 0 3 I . pl D.UD‘II

0 1.0 2.0 3.0 40 0 1.0 2.0 30 40

Differential Displacement
(stance phase, mm)

Figure 2. Bivariate correlations between free AT
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and soleus muscles may reduce old adults’ ability to
optimally modulate relative levels of propulsion and
support during push-off. Second, the gastrocnemius
and soleus muscles exhibit markedly different
muscle fiber kinematics during walking [7] which
may be facilitated by differences in tendon elasticity.
A reduced capacity for sliding in old tendons may
alter series elasticity and thus muscle fiber operating
lengths and muscle-tendon mechanical output.

CONCLUSIONS

Advanced age brings more uniform free AT
deformations that predict reduced plantarflexor
performance in old adults during the push-off phase
of walking. Together, our findings: 1) demonstrate a
potential role for non-uniform AT deformations in
governing gastrocnemius and soleus muscle-tendon
function, and 2) allude to altered tendon behavior that
may contribute to the age-related reduction in
plantarflexor performance during walking.
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INTRODUCTION

Despite regaining joint stability, patients who
undergo ACL-reconstructive (ACL-r) surgery often
exhibit radiographic signs of osteoarthritis (OA)
within 10 years [1]. It is theorized that abnormal
knee mechanics may persist after ACL-r, leading to
altered tissue loading that initiates cartilage
degeneration [2]. However, it remains challenging
to test this theory as morphological changes with
OA are often not detectable for many years.

In the early stages of OA, there are changes in the
cartilage composition, such as the degradation of
collagen and proteoglycan and an increase of water
content. Quantitative MR imaging of T2 relaxation
time has been used to indirectly assess these
compositional changes, though the traditional T2
relaxation parameter is nonspecific and influenced
by multiple factors [3]. More recently, multi-
component  driven equilibrium  single shot
observation of T1 and T2, termed mcDESPOT, has
been introduced to distinguish the contributions of
the fast relaxing T2 signal, which is correlated with
water tightly bound to proteoglycan, and the slow
relaxing T2 signal assigned to the bulk water [4].
Thus, quantitative MR imaging is an attractive
modality to identify early signs of cartilage
degeneration following ACL-r before the onset of
cartilage volume loss and radiographic OA.

In this abstract, we describe our use of static,
dynamic and quantitative MR imaging to
investigate links between altered mechanics and
early cartilage degeneration in reconstructed knees.
We hypothesize that ACL-r knees exhibit normal
morphology but abnormal cartilage contact patterns
after surgery. We also show initial evidence that
links spatial locations of abnormal contact and
quantitative MR measures of cartilage degeneration.

METHODS

Eight subjects with a primary unilateral, isolated
ACL-reconstruction (4 F, 25.8 £ 4.9 yrs, 86.3 £ 18.2
kg, 2.3 = 0.6 yrs since surgery, 5 patellar tendon
grafts, 3 hamstrings grafts, 1 partial lateral
meniscectomy) and nine healthy controls (2F, 22.7
+3.1yrs, 79.3 £ 8.9 kg) were tested after obtaining
informed consent according to an IRB-approved
protocol. Control subjects had no history of knee
pain, injury or surgery and no history of
inflammatory or crystalline induced arthritis.

Subjects underwent a bilateral static MR protocol
consisting of a fat-suppressed 3D SPGR sequence
(0.37x0.37x0.90 mm resolution) and a 3D FSE
Cube sequence (0.31 mm isotropic resolution).
Distal femur, and proximal tibia bone geometries
were segmented from the SPGR images. Articular
cartilage surfaces were segmented from the FSE
Cube images. Cartilage thickness maps of the tibia
plateau were generated by determining the distance
from the articular cartilage surface to bone surface.

Dynamic MR imaging was used to measure knee
kinematics and cartilage contact during an active
flexion-extension task. Subjects were positioned
supine with their lower leg secured on a MR-
compatible loading device. Cyclic knee flexion and
extension was performed at 0.5 Hz for 5 min while
SPGR-VIPR images were continuously collected
[5]. Model-based tracking was used to determine
femoral and tibial bone position and orientation at
each frame of the motion cycle. Regions of cartilage
contact were assessed by computing the proximity
between tibia and femoral cartilage surfaces, with
negative proximity indicative of contact. Contact
maps were generated by determining the closest
proximity of each tibial cartilage mesh face through
the motion cycle.
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A mcDESPOT sequence (0.6x0.6x3.0 mm
resolution) was performed unilaterally on the
reconstructed knee of the subjects and a healthy
knee of the controls. Fraction maps for the fast
relaxing water component (Fpg) were calculated as
the ratio of water bound to proteoglycan to the total
amount of water in a voxel.

Bounding boxes surrounding the medial and lateral
plateaus were subdivided into 20 regions of interest
(ROIs). Average contact and cartilage thickness
were computed for each ROI. A one-way ANOVA
tested the effect of surgery on thickness and contact
between the ACL-r knees and the control subject
knees. A repeated measures ANOVA was used to
compare the ACL-r knees and their contralateral
knees. If a significant difference was found
(p<0.05), a post-hoc Tukey test was performed to
identify the location of group differences (p<0.05).
A correction was made for an uneven N between
ACL-r and control subjects.

RESULTS AND DISCUSSION

As hypothesized, there were no significant
differences in ACL-r tibial cartilage thickness when
compared to the contralateral knee or control knees.
However, cartilage contact patterns in the
reconstructed knees were significantly different
(Fig. 1). In particular, ACL-r knees exhibited
greater contact in the posteromedial aspect of the
medial plateau and the posterior aspect of the lateral
plateau. Initial evaluations of the Fy,; maps also
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reveals potential evidence of reduced proteoglycan
content in similar regions of the ACL-r tibia
plateaus (Fig. 1).

To our knowledge, this is the first study to show
that abnormal tibiofemoral cartilage contact patterns
can be detected in reconstructed knees with
dynamic MRI. Prior studies using biplanar
fluoroscopy have identified altered contact during
gait [6], suggesting that the changes seen in the
simpler  flexion-extension  task may  be
representative of functional tasks. The absence of
changes in cartilage thickness in this population is
consistent with prior studies suggesting that long
time periods are needed to detect changes in
cartilage morphology following ACL-r [7].
However, it is notable that quantitative MR does
detect potential evidence of altered -cartilage
composition within 1-2 years of reconstruction [3].
Further study is needed to see if the decline in
fraction of rapidly relaxing water component is
consistently evident in reconstructed knees and is
associated with cartilage loss over time.
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Figure 1. Left. Significantly increased contact, denoted by red, is present in the posteromedial portion of the
medial plateau and the posterior aspect of the lateral plateau. Right. Example maps of cartilage contact (a,b) and
Fog (c,d) for an ACL-r subject (a,c) and a control subject (b,d). Note that regions of abnormal contact, denoted
by the ovals, display a decrease in Fpg.
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INTRODUCTION

The arch of the human foot has received considerable
attention for its potential to store and release elastic
energy (EE) and possibly influence the metabolic
cost of running [1]. While in situ testing has
demonstrated that the spring-like function of the arch
exists under simple loading conditions, it remains
unclear whether this function exists during the more
complex task of human locomotion. The aim of this
study was to investigate one of the main elastic
tissues in the arch (the plantar aponeurosis; PA) to
examine its ability to store EE and contribute to the
movement of the foot. A second aim was to
investigate the influence of the initial foot contact
pattern (IFCP) on the function of the PA during the
stance phase of running.

METHODS

A 10 degree of freedom rigid body model of the
human lower leg and foot was created that consisted
of five segments (tibia, calcaneus, talus, midfoot,
combined toes). A non-linear spring (tuned to match
in situ data [2]) connecting the calcaneus to the great
toe was added to represent the PA. This model was
then scaled to match the anthropometry of eight men
and women and driven using kinematics of running
barefoot at 3.1 m/s under two IFCP conditions:
rearfoot initial contact (RF; foot strike angle, mean +
SD: 12.3 = 2.7°) and non-rearfoot initial contact
(NRF; foot strike angle: -1.4 + 4.0°). PA strain was
computed using the length of the PA during stance.
Initial and peak strains were used to determine the
average strain rate from foot contact to peak PA
strain. The joint moments were determined using
inverse dynamics. To investigate the contribution of
the PA to the movement of the foot, the joint
moments arising from the PA force were calculated
using the PA moment arms over the course of the
stance phase. PA joint power (Ppa) at the

talonavicular (TN) joint and metatarsophalangeal
(MTP) joint was determined from the PA moments
and the joint angular velocities; positive PA joint
work (Wpa) was computed as the time integral of
Pra. EEpa stored was calculated as the integral of the
spring’s non-linear force-strain relation. PA strain
rate as well as peak measures of strain, force, Ppa and
EEra were compared between the conditions using
paired t-tests (a = 0.05).

RESULTS AND DISCUSSION

Average strain rate of the PA from foot contact to
peak strain was significantly higher in the NRF
condition compared with the RF condition. This is
due to both a lower initial strain (p < 0.001) as well
as less time to peak strain (p < 0.001) in the NRF
condition. Peak values of PA strain, force, EEpa,
Prpa, and Wpa were not significantly different
between conditions (Table 1). The temporal profiles
of PA strain for the two conditions illustrate both the
increased strain rate in early stance as well as the lack
of differences at peak strain and beyond (Figure 1).

Table 1: Means (+ standard deviation) of peak
values for the IFCP conditions. Subscript PA-TN
denotes PA joint power or work at the TN joint.

RF NRF P

PA strain  0.062 +0.013 0.063 +0.014 0.09
PAStran 184,005 0314006 <0.001
rate (s™)

PA force

(BW) 1.22 +0.44 1.20+0.41 0.07
EEpa (J) 3.0+15 31+17  0.07
Ppa-TN

(W-kg'l) 1.56 +0.87 1.54 +0.88 0.70
Wpa-TN

(J-kg'l) 0.10 £ 0.05 0.09+£0.05 0.31
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(dashed red) and RF (solid blue) conditions. Shaded

regions are + 1 S.D.

As no significant differences were found from peak
strain to toe-off, the two conditions were collapsed
into one data set to examine the function of the PA
during pushoff. Peak PA strain (0.063 + 0.013 at 58.8
+ 3.7% of stance) was slightly higher than and
occurred slightly earlier than peak PA strain during
walking [3]. Peak PA force (1.21 £ 0.43 BW) was
also slightly higher than that found during in situ
simulations of walking [2]. Peak EE stored in the PA
(3.1 +£1.6J) was similar to the decrease in EE storage
obtained upon sectioning of the PA during simple
loading of cadaveric specimens [1].

The contributions of the PA to foot dynamics were
the largest at the talonavicular (TN) joint. Of the
peak TN joint moment, the PA accounted for 19.4 +
11.0% (23.1 = 51 N'm). In addition, the PA
produced power at the TN joint (peak: 1.54 + 0.88
W-kg? at 77% of stance) and performed positive
work at the TN joint from 55% of stance to toe-off
(Figure 2). However, the magnitudes of the joint
power and joint work are small compared to power
and work at other joints during running [4].

At the MTP joint, the PA accounted for 18.8 + 14.8%
(2.3 £ 0.7 N'm) of the peak joint moment. PA joint
power at the MTP joint followed a pattern of power
generation early in stance before power absorption
from 37% of stance to toe-off, which is consistent
with the pattern of MTP joint power previously
found during running [5].
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TN and MTP joints for one representative subject.

CONCLUSIONS

It has been speculated that the spring-like function of
the arch of the foot stores and releases EE, reducing
the energetic cost of running [1]. The present study
examined this speculation within the scope of the PA,
using a multi-segment rigid body foot model driven
by experimental running data. The results support the
storage and release of EE in the PA, with magnitudes
of energy storage that agree with the results of in situ
testing. This storage and release of EE was not
different between IFCP conditions (RF and NRF).
During pushoff, the PA produced power at the TN
joint of the foot, which suggests that the PA can
contribute to the shortening of the arch during late
stance. However, the magnitude of the TN joint
power generated by the PA is small compared to the
power generated at more proximal joints during
running [4]. This study demonstrates that the PA
does store EE during running gait, but that the return
of this energy does not make a large contribution to
the energetics of running gait.
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INTRODUCTION

Solid polypropylene ankle-foot-orthoses (AFOs) are
frequently prescribed to assist with gait impairments
in post-stroke hemiparetic subjects (e.g., [1]). These
AFOs hold the ankle in a near neutral position to
assist in foot clearance during swing while bracing
the ankle during stance. While most studies have
reported increased walking speed and improved toe
clearance when walking with an AFO (e.g., [1]), the
effects of solid AFOs on other aspects of walking
are unclear.

Improving mobility is a common rehabilitation
goal. Mobility demands, such as changing walking
speed and direction, are accomplished by
accelerating or decelerating the body while
maintaining dynamic balance. Previous studies have
shown that the ankle plantarflexors are primary
contributors to regulating forward propulsion (e.g.,
[2]) and dynamic balance [3]. However, with AFOs
limiting ankle motion and plantarflexor output
during stance, execution of these walking subtasks
may be compromised.

The purpose of this study was to assess the
influence of a commonly prescribed solid
polypropylene AFO on forward propulsion and
dynamic balance in healthy subjects across a range
of walking conditions including steady-state,
accelerated and decelerated walking. Assessing the
influence of AFOs on healthy subjects’ walking
mechanics will provide a baseline for comparison
with hemiparetic subjects, which collectively can
provide clinicians with quantitative rationale as to
whether solid AFOs improve paretic leg
impairments and overall walking mobility.

METHODS

Ten healthy young subjects (age = 27.3 + 2.7)
walked on an instrumented treadmill in randomized
trials of steady-state (0.6 m/s and 1.2 m/s),
accelerated (0-1.8 m/s at 0.06 m/s?) and decelerated
(1.8-0 m/s at -0.06 m/s?) walking. Subjects walked
with and without wearing a unilateral solid AFO
(Fig. 1) on a randomly assigned leg. Kinematic and
ground reaction force (GRF) data were collected at
120Hz and 2000Hz, respectively. An inverse
dynamics model was used to calculate the center-of-
mass position and velocity for all body segments.

Dynamic balance was assessed using the range of
whole-body angular momentum (H) in each plane,
which was calculated as the difference between the
maximum and minimum value of H over the entire
gait cycle as described in [4]. Propulsion was
assessed using the propulsive and braking GRF
impulses, which were calculated using the time
integral of the positive and negative anterior-
posterior GRFs, respectively.

The range of H was compared between the AFO
and no AFO (NAFQO) conditions at each walking
speed using a paired t-test. Braking and propulsive
impulses were compared using a one-factor (AFO
condition) repeated measures ANOVA (o = 0.05)
with three levels (AFO leg, contralateral leg, and
average of both legs during the NAFO condition).

RESULTS AND DISCUSSION

The propulsive impulses decreased in the AFO leg
compared to the contralateral leg and no AFO
condition at steady-state moderate, accelerated and
decelerated walking conditions (Fig. 2). With no
change in the propulsive impulse at the slow steady-



state walking speed, the present results suggest that
a solid AFO may hinder forward propulsion to a
greater extent during non-steady-state walking.

Walking with an AFO resulted in a greater range of
H in the frontal plane for all the walking conditions
and in the sagittal plane during the steady-state
moderate (Fig. 3), accelerated and decelerated
walking conditions [4]. Whole-body angular
momentum has previously been found to be highly
regulated during walking and that successful
regulation of H is needed in older adults to prevent
a fall following a trip [5]. Thus, poor regulation of
H during walking results in higher magnitudes of H,
which may indicate a decreased ability to control
dynamic balance.

In summary, common clinically prescribed solid
polypropylene AFOs adversely influenced the
generation of forward propulsion and dynamic
balance in healthy adults during steady-state and
non-steady-state walking. These results suggest that
AFOs limit the successful execution of these
important mobility tasks, especially when changing
walking speed is important, and that the prescription
of AFOs should be carefully considered. In cases
where an AFO is needed to compensate for gait
impairments such as foot drop, perhaps more
advanced AFO designs that promote ankle
plantarflexion or functional electrical stimulation
systems (e.g., The WalkAide System, Austin, TX,
USA) that promote dorsiflexion can improve
rehabilitation outcomes.

Figure 1: Solid polypropylene ankle-foot-orthosis (AFO)
used in this study.
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INTRODUCTION

Passive-dynamic ankle-foot orthoses (PD-AFOs)
are commonly prescribed to augment impaired
ankle muscle function by providing elastic energy
storage and return and improve gait performance.
Previous studies have examined the benefits of PD-
AFOs over traditional designs [e.g., 1] and the
influence of PD-AFO mechanical properties, such
as stiffness, on pathological gait [e.g., 2]. However,
the design and prescription process remain largely
qualitative and modifications to other PD-AFO
design characteristics may be advantageous.

One PD-AFO design includes a molded footplate, a
cuff worn below the knee and a strut rigidly
connecting the two (Fig. 1a). During gait, deflection
occurs along the length of the strut, with the greatest
deflection occurring at a central bending axis. A
previous study indicated that a correlation may exist
between AFO instantaneous center of rotation
(representing the axis of a hingeless AFO as
determined by AFO deformation) and ankle joint
mechanics [3]. Thus, PD-AFO bending axis is a
design characteristic that may influence gait
performance, yet it has been largely uninvestigated.
However, previous work has demonstrated that
misalignment of articulated AFOs with the natural
ankle joint may increase resistance torque [4] and
cuff movement [5] which may cause discomfort.

The overall goal of this study was to investigate the
influence of altering the bending axis location on
gait performance. We hypothesize that subjects will
prefer a bending axis closer to the natural ankle
joint, and this preference will correspond to
improvements in biomechanical gait measures.

METHODS
Thirteen subjects who had experienced unilateral

lower extremity trauma and were clinically
prescribed a PD-AFO by their orthopedic surgeon
were enrolled in this study. A previously developed
framework [6] was used to fabricate selective laser
sintered (SLS) PD-AFO struts with bending
stiffnesses matching each subject’s prescribed PD-
AFO. A second SLS strut incorporated a 2.5cm
radius circular extrusion located at 30% of the inner
bolthole-to-bolthole distance from the strut center.
Strut orientation was used to manipulate the device
bending axis (Fig. 1 b or d).

In the experimental data collection protocol,
subjects completed overground walking trials at
self-selected speed while electromyographic
(EMG), kinetic and kinematic data were collected.
Subjects completed testing in three different PD-
AFO bending axis conditions (Fig. 1): proximal
(high), central (nominal) and distal (low), and
indicated the order of their bending axis preference
once testing was completed.

Figure 1: PD-AFO with the a) prescribed strut, b)
proximal (high) bending axis, c¢) central (nominal)
bending axis, and d) distal (low) bending axis.

Integrated EMG (IEMG), joint work and ground
reaction force (GRF) impulses were calculated as
the time integrals of EMG, joint powers and GRFs,
respectively.  Biomechanical measures  were
computed in six gait regions: 1) first double-leg
support, 2) early single-leg support, 3) late single-
leg support, 4) second double-leg support, 5) early



swing, and 6) late swing. Three way (limb, bending
axis, subject preference) repeated measures
ANOVAs were conducted to test for significant
differences. Significant main and interaction effects
were adjusted using a Huynh-Feldt correction and
examined using post-hoc pairwise comparisons with
a Bonferonni correction (unadjusted p < 0.05).

RESULTS AND DISCUSSION

Contrary to what was hypothesized, the majority of
subjects (seven) preferred the nominal bending axis,
with two subjects preferring the high and four
preferring the low condition. Altering PD-AFO
bending axis had few effects on peak joint
kinematics and kinetics. In region 1, peak ankle
plantarflexion was greater in the low compared to
nominal condition (p=0.018) in both limbs.

Some differences were observed in joint work,
primarily at the hip (Fig. 2). In region 1, positive hip
work was greater in the nominal compared to high
condition in both limbs (p=0.027). In region 2,
positive ankle work was greater in the low
compared to nominal condition in both limbs
(p=0.003). Negative hip work was also altered by
bending axis in region 4 (limb*bending
axis*preference; p=0.004).

Bending axis had little effect on GRF impulses. In
region 3, the vertical GRF impulse was greater in
the nominal compared to both low (p=0.043) and
high (p=0.002) conditions in both limbs.

Bending axis altered vastus medialis (VAS), medial
gastrocnemius (GAS) and rectus femoris (RF)
activity (IEMG). In region 1 and region 4, bending
axis altered VAS activity (limb*bending axis*
preference; region 1: p=0.015, 4: p=0.002). Bending
axis also altered GAS activity in regions 1, 4 and 5
(bending axis*preference; region 1. p=0.046, 4:
p=0.028, 5: p=0.034) and RF activity in region 5
(bending axis*preference: p=0.028).

Although several changes were observed, they were
generally small and not likely of functional
relevance. This suggests that one bending axis does
not significantly improve gait and factors such as
preference and comfort may play a more important
role in prescription. As differences found were often
based on preference, future work should examine
the relationship between etiology and preference.
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Understanding this relationship and the influence of
bending axis on gait performance may allow for
improved PD-AFO prescription guidelines and
rehabilitation outcomes.
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Figure 2: Joint work across gait regions. Significant
main (*) and interaction (1) effects are indicated.
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INTRODUCTION

The selection of the correct orthosis to improve the
gait pattern of children with cerebral palsy (CP) is a
complex task for orthopaedic physicians, since it
should match the condition of spasticity and
weakness of the muscles of each patient [1, 2]. The
prescription of an orthosis for a patient is currently
based on the physician’s experience and is not
specific in terms of the mechanical and/or
geometrical properties the orthosis should have [1].
Therefore, we aim to assess the effect of ankle
bending stiffness of a posterior leaf spring ankle-
foot orthosis (AFO), on the gait pattern of one
hemiplegic child with spastic CP, which could
provide some suggestions about how this
characteristic feature of orthosis affects a child’s
gait pattern.

METHODS
Subject

One child (11.6 years, 29.8kg), diagnosed with
spastic unilateral CP on the left side, and evaluated
in the clinical gait analysis laboratory from the
Instituto de Ortopedia Infantil Roosevelt (IOIR) in
Bogotd, Colombia, participated in this study. The
following inclusion criteria were used: independent
gait without assistive devices, GMFCS 1 and II;
cognitive ability to understand and follow
instructions taking part of the experimentation
protocol. The exclusion criteria were: orthopaedic
lower limbs surgery in the past year; applied
Botulinum toxin in the last six months; rigid
equinus; symptoms of dystonia and other conditions
that may affect balance and/or gait pattern.

Subject assent and parental consent was approved
by the Institutional Review Board of the IOIR.

AFOs with different stiffness

An orthopaedic technician of IOIR fabricated three
different posterior leaf spring AFOs for the child.
Orthoses were fabricated from 3.0 mm thick
polypropylene, extending distally under the toes and
proximally on the posterior surface of the leg to
about 3-5cm below the knee. All were fabricated
with a fixed 90° plantar flexion. Different bending
stiffness were achieved in their fabrication by
increasing the width of the back part and the width
of the reinforcement placed in the back (Fig. 1a).
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Figure 1a: Posterior view of the posterior leaf
spring AFOs fabricated for the subject, from left to
right in order of bending stiffness (low to high).
Figure 1b. BRUCE design suggested by Bregman
et al [3].

Characterization of the ankle bending stiffness

A device was constructed based on the BRUCE
design [3] (Fig. 1b) to determine the ankle bending
stiffness of the AFO over a functional range of
deflections in the sagittal plane. Inverse dynamics
were used to obtain the moment exerted by the AFO
for different angles, based on the geometry of the
device, the vertical displacement velocity (1mm/s)
and the vertical force registered by the Instron
machine (5586). Error! Reference source not
found. describes stiffness obtained for the three
different orthoses manufactured for the subject.



Table 1. Ankle bending stiffness [N-m/°] (n=5)

Orthosis Mean St. Deviation
Low stiffness 0.0318 0.0082
Medium stiffness  0.0931 0.0209
High stiffness 0.1311 0.0082

Experimental design

A single-subject A-B-C-D experimental design was
used, in which a baseline phase (A) was followed
by three different intervention conditions (B, C and
D). In each intervention phase, the child tested one
of the three different fabricated AFOs (with high,
medium and low stiffness) in randomized order.

Three-dimensional kinematic data were collected
using the BTS Motion System. Markers were placed
over the skeletal landmarks according to Davis et al
standard clinical protocol. Kinetic data were
collected using two force plates (AMTI). For each
test, the subject was instructed to walk along a 10 m
laboratory =~ walkway at his/her self-selected
comfortable walking speed. Two trials per phase
were finally selected and averaged, for the analysis.
All the kinematic information was processed and
normalized in biomechanical indexes (MAP).

RESULTS AND DISCUSSION

Kinematic results showed that the principal effect of
the ankle bending stiffness is the resulting amount
of ankle mobility during the stance phase. Fig. 2
shows the change in MAP of the reviewed subject
of some gait characteristics of both sides (L: Left,
R: Right), when walking barefoot (BF) and with
low (LOW), medium (MED) and high (HIGH)
ankle bending stiffness AFO.

Not all the MAP indexes show an improvement
when increasing the ankle bending stiffness of the
orthosis. Although, some such as the Knee FIx/Ext
(L) and the Hip Int/Ext (L) show an improvement,
some others such the Ankle Dor/Pla (L) show a
deterioration of the gait pattern when increasing this
characteristic. This happened during the analysis of
both sides. In addition, none of the indexes of gait
pathology include in their calculation process the
subject’s kinetic information obtained during the
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gait analysis; hence there is no evidence of those
results in the values obtained by this indexes.
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Figure 2: MAP indexes for each condition.
CONCLUSIONS

Ankle bending stiffness of posterior leaf spring
AFOs is a feature that produces an immediate effect
over the gait pattern of hemiplegic child, creating
changes in the kinematic and kinetic data of the
patient. The results obtained with the MAP indexes,
showed that an overall evaluation of changes in the
gait pattern cannot be made just using the indexes of
gait pathology, since they do not include in their
definition the kinetic data from which physicians
gather  important  information  about  the
physiological characteristics of the patient’s
muscles.

In clinical practice it is convenient to find the
optimal AFO for a specific patient, by testing
different AFOs with different stiffness. In this
process physicians should study not only the
kinematic but also the kinetic data obtained from
the patient testing all the orthosis, and determine
which orthosis addresses best the particular
patient’s gait pathology. The final selection should
be consistent with the results the physician is
expecting, taking into account that there is a trade-
off in the correction.
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INTRODUCTION

There exists a large disconnect between the nat-
ural fluid motion of unconstrained human walk-
ing and the unnatural, rigid motion of human
walking with a robotic exoskeleton. This unnatu-
ral movement of walking in a robotic exoskeleton
is largely due to poor controller design and can
make the motion energetically inefficient for the
user [1]. Our research group has been developing
techniques to use neural signals from the wearer
to directly control exoskeleton actuation timing
and amplitude. By using neural signals to con-
trol the device we are attempting to alleviate the
issues that come with relying on intrinsic mechan-
ical measurements for exoskeleton control.

In our work, we use electromyography (EMG) to
directly control walking robotic exoskeletons. In
the past, these controllers created a control signal
for actuation by using a constant mapping gain
to map the EMG linear envelope to an actuation
voltage. This constant mapping gain was hand
tuned by the researcher. The researcher would
tune the gain such that it mapped the peak EMG
linear envelope during walking to the saturation
voltage of the actuators. We call this max-to-max
mapping the calibration mapping gain. The re-
searcher would then scale the calibration mapping
gain by 2.0 to encourage a reduction in the user’s
own muscle recruitment [2]. Because of this scal-
ing, subjects were forced to adapt to walking with
a peak muscle recruitment 50% lower than their
normal walking muscle recruitment in order to
achieve an unsaturated control signal. This tech-
nique has resulted in large reductions in metabolic
cost; however, the constant mapping gain could be
a limiting factor of the controller.

The constant gain constrained the way the user
walked in previous ankle exoskeleton studies from
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Figure 1: Subjects chose to use more ankle power
at the ankle in order to reduce their effort at
the hip. Data representing Session 1 and Ses-
sion 3 were collections that occurred at the end of
the powered walking portion of the corresponding
testing days.

our lab. The 2.0 scaling of the calibration gain led
to a muscle recruitment of the user that may not
reflect their preferred manner to walk with the ex-
oskeleton. To overcome this limitation, we devel-
oped an EMG based control scheme that frees this
mapping gain to dynamically adapt to the user as
the user adapts to the device. This allows the
wearer to use whatever muscle recruitment level
they see fit while still receiving maximum unsat-
urated actuation from the device. By doing so,
our adaptive controller refrains from constraining
the user to specific dynamics at the ankle. This
controller allows us to study what amount of an-
kle power is preferred by subjects during walking
with a robotic exoskeleton. We hypothesized that



subjects would learn to co-adapt with the device
in order to achieve a metabolic reduction.

METHODS

For this study, we designed and built a simple
one degree of freedom robotic ankle exoskeleton
(2.09 kg). The exoskeleton used artificial pneu-
matic muscles to assist with plantar flexion and
was controlled by an off board real-time proces-
sor. We used EMG from the user’s soleus to con-
trol actuation.

Our controller processed the raw EMG to get
the signal’s linear envelope and then conducted
a real-time max search of the linear envelope on a
stride by stride basis. The detected maximum of
each stride was added to a moving average of the
previous fifty strides. Our controller then calcu-
lated the mapping gain necessary for this mov-
ing average to map to a desired maximum ac-
tuator voltage. The controller then updated the
mapping gain after every stride. In other words,
the exoskeleton always operated at its maximal
power output while subjects were able to alter the
amount of their own soleus recruitment; thereby
adjusting the amount of total ankle power.

We tested three subjects (male, 19.3 4+ .7 years,
70.8 + 3.7 kg, 182.0 £+ 6.6 cm; means + s.e.m.)
during treadmill walking at 1.2 m s'. All subjects
walked in the device continuously for 50 minutes
on three separate training days. Each training day
was identical and consisted of 10 minutes of un-
powered (passive) walking, 30 minutes of powered
(active) walking, followed by 10 minutes of un-
powered walking. We collected electromyography,
metabolic, kinematic, and kinetic data across all
sessions. All joint kinematics and dynamics were
processed in OpenSim.

RESULTS AND DISCUSSION

We found that by the end of the third session,
our adaptive controller had choosen gains that
were a 1.76 £ 0.24 (mean + s.e.m.) scaling of
the would be calibration mapping gain. Previ-
ous studies used a constant scaling factor of 2.0.
The scaling results show that subjects opted to
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Table 1: Results percent change relative to pas-
sive conditions (mean + s.e.m.)

Measurement Session 1 | Session 3
Peak Ankle Power | -15.848.0% | 4.94+8.9%
Peak Hip Power | -8.5+9.3% | -12.24+1.0%
Metabolic Cost | -19.0+6.7% | -24.6+1.8%

use higher peak soleus activity than what was en-
forced in previous studies with a static mapping
gain.

Additionally, subjects chose to increase their peak
ankle power across training days when using the
adaptive controller. This increase in ankle power
was coupled with a decrease in hip power (Fig-
ure 1 & Table 1). Because our adaptive controller
did not constrain subjects to walk in any speci-
fied manner, this trade off between ankle and hip
dynamics was discovered by subjects voluntarily.
This trade off seen between ankle and hip dynam-
ics is supported by the work of Lewis et al. [3].
We believe subjects adapted to these joint dynam-
ics for their energetic benefits due to the metabolic
reduction seen across training days. The energetic
benefits from actuating the ankle as opposed to
the hip has been shown in simulation by Kuo [4]
and supports our findings.

Our results suggest that subjects voluntarily in-
creased effort at the ankle in order to reduce ef-
fort at the hip. This finding opens an interesting
discussion as to what is the best way of provid-
ing assistance to the human gait. Should we be
employing similar strategies to intrinsically con-
trolled exoskeletons or prosthesis as opposed to
replicating ‘normal’ joint dynamics?
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INTRODUCTION

Exoskeletons are promising tools for gait assistance
in those with neurological impairments [1]. Our
goal is to develop exoskeletal assistance for post-
stroke Stiff-Knee gait (SKG). We have developed a
lightweight, transparent knee flexion actuator
intended to assist knee flexion torque during pre-
swing in those with SKG after stroke [2]. We
initially hypothesized that knee flexion torque
assistance would reduce the need for compensatory
kinematics such as hip circumduction. However,
our results showed that circumduction increased
during assistance in people with SKG compared to
healthy controls [3]. We concluded that abnormal
coordination patterns following stroke, independent
from biomechanics, were responsible for this
finding.

The suspected abnormal coordination patterns could
be involved in any number of superficial or deep
musculature, some of which were not detectable
using  surface  electromyography  (SEMG).
Musculoskeletal simulation packages such as
OpenSim have become a powerful complement to
experimental approaches, with the ability to
estimate muscle activations that may be difficult to
directly measure. As such, our goal is to simulate
the activation dynamics resulting from exoskeletal
assistance in those with SKG to uncover these
abnormal coordination patterns. Here we introduce
the challenges involved in this novel neuro-
muscular simulation of exoskeletal gait assistance.

METHODS

The active knee brace (Figure 1a) was used by nine
stroke patients with SKG and five healthy controls
on an instrumented treadmill using a motion capture
system to monitor lower body kinematics. The hip
and knee flexion torque assistance was provided
during the preswing phase. We encountered a
number of challenges while integrating this data

into OpenSim, including adjustment of motion
capture data, application of the external device, and
accounting for unmeasured handrail forces and
torques. We used the reduced residual algorithm
(RRA) [4], and inverse dynamics approaches to
assure dynamic consistency and obtain the joint
moments, respectively.

OpenSim assumes a full-body marker set where all
markers are fixed to the human model. However, our
experimental data only constituted a lower body
marker set, with left thigh and knee markers on the
actuator. Patients also wore ankle-foot orthoses
(AFOs) that reduced ankle mobility. To account for
these factors, we condensed the weight of the torso to
the pelvis and reduced the marker weightings on the
orthosis to account for the non-rigid connection to the
body. For patients with SKG, we fixed the ankle joint
of the impaired side perpendicular to the shank to
accurately model the aforementioned kinematic
constraint.

The assistive device, which provides a torque couple
for hip and knee flexion, is modeled as external force
couples at the femur (thigh) and tibia (shank). These
couples are applied in opposite directions to provide
hip flexion and knee flexion torques (Fig. 1) and set
with equal distance from the center of mass of the
corresponding bodies (Fig. 1c). The simulated torque
assistance is calculated using Eqg. 1 and added as an
external force to the RRA algorithm (Eq. 2).

Tdevice:2?=1 Fi xd (1)
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Where Tgqpice 1S the experimental torque measure
from the device, F;zr is the ground reaction force
vector, Froqiquar 1S residual forces and moments, F; is
the decomposed force couples of the device and d is
the distance of these force couples from the center of
mass of the corresponding bodies.
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Figure 1: a. Free body diagram of the device b. Implementation of the
device in OpenSim c. Free body diagram of the modeled external forces

We validated the model by comparing the simulated
torque at the knee with and without modeled
assistance to the measured torque at the brace (Fig. 2).
The maximum average RMS error was below 0.002
Nm.

o
o

o

/‘“/-

d ¥ Toe off

&
o
Knee Flexion

Knee Moment [Nm]

Torque Assitance [Nm]

0 1b 2‘0 Sb 4‘0 5|0 66
Gait C:cle %]
Figure 2: a. Averaged knee joint moments obtained from RRA
analysis with (dashed line) and without (solid line) the introduction of
the device b. Modeled assistance (dashed line) and the assistive
torque measured by the experiments (solid line)

Another challenge was accounting for unmeasured
unilateral handrail use of stroke patients that would
reduce the accuracy of the model. In recent studies
it has been shown that handrail forces in the vertical
direction can be successfully estimated using
residual forces [5]. But the residuals may have
originated from various sources such as inaccessible
movement artifacts in the upper body or
inconsistencies between marker data and force plate
readings. Therefore, we subtracted the difference
between the forces and torques generated by the
body kinematics and ground reaction forces to
account for handrail support. We then applied these
forces and torques on the pelvis segment to model
the handrail support. The following equations were

Table 1: Average residuals from initial and modified model and
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used to obtain the differences between forces and
torques:
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Where i is the index of the corresponding body in
the OpenSim model, F4;¢r and 47, are force and
torque differences between the body kinematics
driven equations and ground reaction forces, H is
the angular momentum and # is the position vector
from the contact point to center of mass (CoM)
location.

RESULTS AND DISCUSSION

To verify the dynamic consistency of our
simulations we compared the average residuals of
the initial model (absence of modeled device and
handrail force feedback) and modified model of a
stroke patient. All of the residuals were decreased
by considerable amount (Table 1) except the
residual moment around x-axis (M,), which is
negligible (0.85 Nm). Using these methods on a
larger data set, we intend on delineating the neuro-
muscular  mechanisms of abnormal muscle
coordination in people with SKG. We believe
neuromuscular simulation could be a valuable tool
in development of exoskeletons for those with post-
stroke ~SKG and similar  neuromuscular
impairments.
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average residual threshold values provided by OpenSim.

F, F, E M, M, M,
Initial Model 10.34 N 40.80 N 172N 1.03 Nm 1.21 Nm 4.39 Nm
Modified Model 348N 0.16 N 0.69N 1.88 Nm 0.22 Nm 0.20 Nm
Residual Thresholds 5-10 N 5-10N 5-10 N 0-30 Nm 0-30 Nm 0-30 Nm
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INTRODUCTION

Acquiring reliable control signals for upper limb
prostheses is a challenge that obstructs further
development of advanced devices. Recent research
has focused on ways to collect control data by
interfacing directly with the nervous system. These
efforts fall into three categories: targeted muscle
reinnervation (surgically moving nerves to residual
muscles in the missing limb to create additional
control sites) [1], peripheral nerve interfaces
(electrodes implanted in the residual limb to record
signals directly from the peripheral nervous system)
[2], and cortical interfaces (electrode arrays
implanted in the brain to record action potentials
directly from motor neurons) [3]. Given the
surgically invasive nature of these techniques, it is
important to understand whether individuals with
upper limb loss are willing to try them. The goal of
this work was to evaluate the general interest in
surgically invasive and noninvasive prosthetic
control techniques.

METHODS

An anonymous online survey was made available to
individuals over age 18 with a major upper limb
amputation. The survey contained closed and open-
ended questions regarding interest in four prosthetic
control techniques: myoelectric control, targeted
muscle reinnervation, peripheral nerve interfaces,
and cortical interfaces. Participants viewed a simple
drawing and a brief explanation of each technique,
along with a description of any associated medical
procedures and potential risks. Participants were
then asked to rate their likelihood of using the
technique at each of six theoretical performance
levels, which were roughly ordered from basic to
advanced (Fig. 1). Participants were also asked to
rate the overall importance of each feature, in order

to gauge their general interest in the features. All
responses were collected on a 5-point Likert scale.

A two-way repeated measures analysis of variance
with Greenhouse-Geisser corrections was used to
examine the effect of technique type and
performance level on participants’ interest in each
technique. Pairwise comparisons were performed
using Fisher’s Least Significant Difference method.

RESULTS AND DISCUSSION

A total of 104 responses were collected. The mean
age was 47 * 15 years and 67% were male. Most
participants (92%) had unilateral limb loss, which
primarily occurred at the transradial and
transhumeral levels. Trauma was the most common
reason for limb loss.

When the responses were collapsed across all six
performance levels, participants expressed the most
interest in myoelectric control and the least interest
in cortical interfaces. Out of all 104 participants,
83% responded positively to the myoelectric
control. Only 39% responded positively to the
cortical interfaces, while targeted muscle
reinnervation and peripheral nerve interfaces were
roughly equivalent (63% and 68%, respectively).

We anticipated that participants would be more
likely to try each prosthetic control technique if it
offered higher levels of functionality. However, the
initial responses did not follow this expected trend —
participants generally responded less positively to
more advanced performance levels (Fig. 1). A
similar trend was present in participants’ theoretical
interest in each performance level (Fig. 1). To
address this concern, we altered the wording to be
explicitly cumulative. Thirty-five participants used
the original “discrete” wording of the performance
levels (Fig. 1A) and 69 used the subsequent



“cumulative” wording (Fig. 1B). Changes in the
wording did not substantially affect our findings:
there were significant differences in participants’
interest in different performance levels for both the
discrete (p = 0.008) and cumulative (p = 0.031)
wording. This fact strengths our findings,
suggesting that participants truly viewed the
advanced features as less important.

Written comments from the participants revealed
that common concerns regarding myoelectric
control included weight, difficulty of use, cost and
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1. Open and close your |
hand slowly

2. Open and close your hand, |
and also rotate your wrist

3. Move to any location in your
workspace and perform a
simple grasp

46%

4. Move to any location in your

workspace and perform one of |
several types of grasps, in which

you can control the force used

48%

5. Perform fine tasks like |
writing with a pen or typing

6. Perform fine tasks and have

L L . E 38%
touch sensation in the missing limb

40%

Back to ToC

durability. The inherent risk of surgery with the
other interfaces was difficult for many participants
to accept. However, some respondents reported that
the potential benefits would justify the surgical risks
and recovery time.

The results of this work will be instrumental in the
development of advanced devices that are appealing
to individuals with upper limb loss. Larger studies
investigating the relationship between demographic
factors and interest in novel prosthetic control
techniques are still needed to fully inform the
design of future devices.
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QUICK, LOW-COST, SENSITIVE MOTOR ASSESSMENT
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INTRODUCTION

There is a nationally recognized need for more
sensitive motor assessments to evaluate and diagnose
motor impairments following traumatic brain injury
(TBI). Conventional motor assessments rely on
subjective observations and often fail to detect subtle
impairments common in TBI. The purpose of our
research is to 1) develop a quantitative motor
assessment (QMA) that is quick, low-cost, and
highly sensitive, and 2) establish a normative
database to allow comparison of a patient’s motor
assessment relative to a healthy norm.

To this end, we developed a system to administer
traditional motor tests using low-cost markerless
motion capture. Our system consists of an $80 Leap
Motion sensor and custom software (Figure 1). This
system automates traditional motor tests and
measures the position of finger tips with a resolution
of 0.0lmm and a sampling frequency of 100Hz. We
have seeded a normative database by administering
this QMA to 50 control subjects.

A | B = B

ez ! g - Q

Figure 1: Test setup. For most tests (A), subjects pointed to
objects on a screen while a Leap Motion sensor (C) captured
their movements. In the balance test (B), subjects’ head sway
was extracted from the motion of dowels attached to a helmet.

METHODS

Fifty healthy, right-handed subjects (age range 18-30
years; 23 females, 27 males) completed five QMA
tests (described below). To allow for comparison
with traditional assessments, we included 3
traditional tests as well: Halstead-Reitan Finger
Tapping Test, grip strength, and the Beery Visual
Motor Integration Test. Tests were performed in
random order. Positions and velocities of the finger
tips and palm were recorded at 100 Hz. Movements
were performed by both hands. The entire
assessment required 1 hour 45 minutes.

Each subject performed the following QMA tests:
Finger Oscillation Test
* Participants were instructed to make oscillatory
finger movements as fast as possible for 10s
* Subjects received visual feedback of their finger
location on a graphical user interface (GUI)
(Figure 2A) and needed to oscillate their finger
above and below a band to achieve a tap
* Subjects needed 5 trials within 5 oscillations of
each other (10 trials max)
* 30-90s rests between trials
Visually Guided Movement

* Subjects moved |[A B
the tip of their o °
index finger, +

represented as a
red dot, as quickly
as possible to
targets appearing
in random order
(Figure 2B)
* The next target

appeared after the Figure 2: Graphical User Interface
finger had rested for QMA tests: finger oscillation

(A), visually guided movements
on the target for (B), postural tremor (C), and

500ms. reaction time (C-D).




* Two trials, each with 12 paths executed 5 times
in random order were completed
Postural Tremor
* Participants were instructed to hold their hand
over the motion capture sensor with palm down
and fingers spread (Figure 2C)
* Two trials of 30s each for each hand
Reaction Time
* Participants held their hand over the sensor
(Figure 2C)
 Subjects were instructed to remove their hand as
quickly as possible as soon as the background
color changed from white to green (Figure 2D)
Balance
* Participants stood with feet together and hands
across the chest for 30s (Figure 1B)
* Five different trials were completed, each in a
different pose
» Hard surface eyes open
* Hard surface eyes closed
* Soft surface eyes open
* Soft surface eyes closed
* Tandem stance, preferred foot in front

The data from each test were analyzed to extract test-
specific measures (Table 1). Together these
measures form a normative database against which
patients’ QMA results can be compared to evaluate
the degree of their impairment.

RESULTS AND DISCUSSION

Being normative data from young, healthy subjects,
the QMA results were generally stereotyped, with
few differences between men and women or
dominant and non-dominant hands (Figure 3).

Novel markerless motion capture technology allows
for collection of an abundance of quantitative
movement information. Using this technology and
the associated normative databases will allow for

Back to ToC

quick, low-cost, and highly sensitive motor
assessment in clinical settings, which we expect will
result in improved diagnosis, prognosis, and
rehabilitation following TBI. Because of the gaming
industry, markerless technology is bound to continue
to improve, creating more sensitive instruments.
This QMA and its normative database will be
available. We invite others to take advantage of it and
contribute to the database.
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Figure 3: Histograms of QMA measures for the finger

oscillation (top), visually guided movement (middle), and
reaction time (bottom) tests.
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QMA Test Behavioral Attributes

Measures

Finger Oscillation Strength, movement efficiency

Number and regularity (approximate entropy) of taps

Visually Guided Movements |Visuomotor control, kinetic tremor

Dysmetria, duration, smoothness, power spectrum area

Postural Tremor

Tremor, chorea, strength, impersistence

Area under power spectrum between 4 and 12 Hz

Reaction Time Processing time

Reaction time

Balance Postural stability

Mean path, max. excursion of the crown of the head

Table 1: Each QMA test was designed to assess particular behavioral attributes that were defined and quantified as measures.
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INTRODUCTION

Stroke frequently causes debilitating upper
extremity (UE) motor impairments that are retained
well beyond rehabilitation discharge. Several UE
motor rehabilitative  approaches have been
developed, with most adhering to the
P.R.A.C.T.I.C.E. principles®. Yet, many promising
UE rehabilitative strategies?* are only efficacious in
individuals already exhibiting high levels of active,
paretic UE movement; only a small portion of the
growing stroke survivor population.

Reduced UE impairment and increased function
were reported among survivors with moderate UE
impairment participating in repetitive task-specific
practice (RTP) that integrated a portable,
electromyography  (EMG)  triggered,  brace
(“Myomo”)*’. We wished to compare the efficacy
of this regimen with the use of RTP only (the
standard of care in most outpatient environments)
while concurrently characterizing the motor
behavior of stroke survivors exhibiting moderate UE
impairment.

METHODS

Subjects: Twelve subjects gave written consent
to participate (4 males; age=53.5+5.35 years; mean
time post-stroke=61.7 months; 11 Caucasians, 1
African-American; 6 left-sided strokes; 10 ischemic
strokes; 1 basal ganglia stroke; 3 strokes in the left-
middle cerebral artery; 1 in the frontal lobe; 2 in the
parietal lobe; 5 in unspecified locations). They were
randomized into two groups: 7 subjects were
administered RTP+Myomo, and 5 RTP-only.

Apparatus: The Myomo €100 (Fig. 1) is an FDA
approved, lightweight (~2lbs), myoelectric brace
that uses surface EMG signals from the biceps and
triceps brachii from active paretic UE movement
attempts to assist the active muscle with movement

of the paretic UE’. A treating therapist can adjust the
system parameters to alter the amount of mechanical
assistance provided.

Figure 1. Myoelectric brace used in the study.

Intervention: Both groups (RTP+Myomo and
RTP-only) participated in individualized, 45-minute
therapy sessions occurring 3 days/week over an 8-
week period. As described previously’, the
intervention’s design and therapy session content
involved progressive difficulty in tasks. In all cases,
the latter tasks were selected collaboratively with
the patient, caregiver, and therapist. With or without
the Myomo, chosen tasks were functional/goal
directed, integrating the paretic UE into whole-arm
tasks that were salient to the subject. Therapy
included both bilateral and unilateral UE tasks, and
included components of muscle control,
coordination, strength, endurance, and
proprioception.

Behavioral data: We administered the Stroke
Impact Scale (SIS); a 64-item self-report measure.
For this study, we focused on changes in the paretic
UE (SIS arm and hand scales), ability to perform
activities of daily living, and recovery scales.

Kinematic data: An 1l-camera motion capture
system (Motion Analysis Corporation Raptor-12
system, Santa Rosa, CA, USA) tracked 3D-motion
of subjects’ paretic and less affected UEs during the
experimental tasks. Twenty-six reflective markers
were placed on the upper body (Fig. 2). Each
subject performed 5 repetitions of two reaching



tasks with the paretic and non-paretic UE. For the
‘reach-out’ task, a cylinder-shaped object was
placed in front of the subject on the table, aligned
with the subject’s sternum at 2/3 of paretic UE
length. For the ‘reach-up’ task, the same object was
elevated by 24 cm. Subjects were instructed to reach
for the object as if they were reaching for a glass of
water, without specific instructions on movement
speed. Joint angles were calculated based on a
standard UE model and conventions for the
shoulder joint® Main outcome measures were
shoulder flexion (range), elbow extension (range)
and hand velocity (peak).

Statistics: Mann Whitney U tests compared all
behavioral and kinematic changes between
intervention groups.

Figure 2. Kinematic model of subject in the starting position

RESULTS AND DISCUSSION

Subjects administered RTP+Myomo tended to
exhibit larger improvements on all scales than
subjects administered RTP-only. This difference
between groups reached significance for SIS
recovery (U=4, p=0.032, point probability=0.015),
and came close to significance for SIS ADL (U=6,
p=0.061, point probability=0.001).

None of the subjects were able to grasp and lift
the object with their paretic limb. Therefore,
kinematic analyses focused on the reaching part of
the movement, which ended when the hand touched
the object. When subjects were unable to touch the
object, we analyzed the full attempt. Most patients
demonstrated improved capability to move the
object after completing the intervention. The change
in hand velocity from pre-test to post-test in the
‘reach-up’ task was significantly larger in the RTP-
only group compared to the RTP+Myomo group
(U=3, p=0.018, point probability=0.04). None of the
other changes in kinematic variables from pre-test
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to post-test were significantly different between
groups (all p>0.53).

A trend towards a significant correlation was
observed between the change in the SIS arm
subscale and the change in range of elbow extension
during the reach up task. However, Spearman’s
correlation coefficient was negative (rho=-0.57,
p=0.054), which indicates that subjects with larger
elbow range of motion while reaching up tended to
report lower arm function SIS scores. None of the
changes in other kinematic variables significantly
correlated with any of the changes in SIS subscales
(all p>0.12)

CONCLUSIONS

RTP integrating myoelectric bracing might be more
beneficial than RTP only in improving subjects’
perceptions of their overall recovery. This approach
does not convey superior benefits to RTP only in
terms of UE kinematics, and no significant
correlations were observed between changes in self-
reported outcomes and reaching kinematics. Our
findings suggest that clinicians may be able to
reduce the debilitating impact of moderate UE
impairment using RTP+Myomo.

REFERENCES

[1] S. Page and H. Peters, “Mental practice: applying motor
PRACTICE and neuroplasticity principles to increase upper
extremity function.,” Stroke., vol. 45, no. 11, pp. 3454-60, Nov.

2014.

[2] S. J. Page, P. Levine, and A. Leonard, “Mental practice in chronic
stroke: results of a randomized, placebo-controlled trial.,” 2007.

[3] S. J. Page, P. Levine, A. Leonard, J. P. Szaflarski, and B. M.

Kissela, “Modified constraint-induced therapy in chronic stroke:
results of a single-blinded randomized controlled trial.,” Phys. Ther.,
vol. 88, pp. 333-340, 2008.

[4] T. J. Kimberley, S. M. Lewis, E. J. Auerbach, L. L. Dorsey, J. M.
Lojovich, and J. R. Carey, “Electrical stimulation driving functional
improvements and cortical changes in subjects with stroke,” EXp.
Brain Res., vol. 154, pp. 450-460, 2004.

[5] J. Stein, K. Narendran, J. McBean, K. Krebs, and R. Hughes,
“Electromyography-controlled  exoskeletal  upper-limb-powered
orthosis for exercise training after stroke.,” 2007.

[6] S. J. Page, V. Hill, and S. White, “Portable upper extremity robotics
is as efficacious as upper extremity rehabilitative therapy: a
randomized controlled pilot trial.,” Clin. Rehabil., vol. 27, no. 6, pp.
494-503, Jun. 2013.

[7] S. J. Page, V. H. Hermann, P. G. Levine, E. Lewis, J. Stein, and J.
DePeel, Portable neurorobotics for the severely affected arm in
chronic stroke: a case study., vol. 35. 2011, pp. 41-46.

[8] G. Wu , F.C.T. van der Helm, H.EJ. Veeger, et al., “ISB
recommendation on definitions of joint coordinate systems of
various joints for the reporting of human joint motion-Part II:
shoulder, elbow, wrist and hand., “ 2005. J Biomech., vol. 38, pp.
981-9



Back to ToC

IMPROVING FINGER MOVEMENT REPERTOIRE IN STROKE
Rajiv Ranganathan

Michigan State University, East Lansing, MI, USA
email: rrangana@msu.edu, web: https://sites.google.com/site/motrelab/

INTRODUCTION

Stroke often results in an impairment of hand
function, which severely impairs activities of daily
living [1]. One common deficit that is observed
after stroke is a loss of finger independence [2],
which is associated with reduced hand dexterity.
The purpose of the current study was to examine if
we could use a body-machine interface to increase
the repertoire of finger movements in stroke
survivors. Specifically, we examined if we could
elicit different patterns of finger movements by
manipulating which finger motions contributed to
task performance.

METHODS

Participants were 8 chronic stroke survivors (mean
7 years after stroke) who had mild to moderate
deficits in hand function as quantified by the
Chedoke-McMaster test of hand function.
Participants  wore an instrumented glove
(Cyberglove, Cyberglove Systems, San Jose, CA)
which measured finger kinematics of the affected
hand. The motions at the MCP joint of the index,
middle, ring and little fingers were mapped to the
horizontal motion of a cursor on a screen [3]. The
task of the participants was to move the cursor
between two targets shown on the screen (Fig. 1).

A

Figure 1: Finger kinematics were mapped on to the

horizontal position of a cursor (shown in red). The
task was to move the cursor between two targets.

The critical manipulation in the experiment was to
alter the mapping between the finger motions and
the motion of the cursor. Initially, all fingers were
given uniform weights so that the typical power
grasp motion (where all fingers jointly perform
flexion and extension with no finger individuation)
could be used to perform the task. However, after
the first 25 trials, the weights were gradually altered
over the next 25 trials so that this motion was
shifted to the null space (i.e. performing the same
power grasp motion now resulted in little to no
motion of the cursor). At this point, participants
had to reorganize their finger coordination, and find
an alternative coordination pattern to continue
moving the cursor to the remaining 50 targets. Each
session took about 1 hour and participants
performed the task for 5 sessions spread over 2.5
weeks. Here, we focus only on the first (Pre) and
last session of practice (Post).

We used the path length (i.e. the distance traveled
by the cursor in going from one target to another) as
a measure of task performance. In order to examine
the reorganization in the coordination pattern, we
used principal component analysis (PCA) on the
finger kinematics. Specifically, we examined the
change in the first principal component (which
accounts for the most variance) using a dot product.

RESULTS AND DISCUSSION

Task performance (as measured by the path length)
showed significant increases as the weights
changed, indicating that participants were engaged
in exploration of different coordination patterns
while attempting to move the cursor between the
two targets. The amount of this exploration was
significantly reduced at the last session of practice,
indicating that participants were now able to switch
to a different coordination pattern more quickly

(Fig. 2).
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Figure 2: Path length of the cursor (summed over
10 trials) during the experiment. Trials 1-25 indicate
the uniform weights for each finger, 26-50 indicate
the gradual transition to the new weights, and 51-
100 indicate the performance with the new weights.
A lower value indicates fewer reversals in cursor
direction when moving between targets.

In terms of the coordination patterns (as measured
by the PCA), we found significant changes in the
dominant coordination mode (i.e. PCl) as
participants transitioned from the old weights to the
new weights. The average change was about 20
degrees, both initially in practice as well as the final
session of practice (Fig. 3).
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Figure 3: Change in the first principal component
during the experiment both in the first and last
session of practice. There was a significant increase
in the angle when the weights were changed
indicating reorganization of coordination patterns.
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These results show that stroke participants are able
to reorganize their finger coordination patterns
when provided with appropriate feedback in a
game-like environment. Specifically, participants
were able to move out of the dominant non-
individuated pattern that is normally seen in stroke,
and were able to not only learn but also retain these
new coordination patterns to solve the task.

CONCLUSIONS

The results here suggest that the paradigm described
here has potential for the rehabilitation of hand
function in participants with mild to moderate
deficits. Given that the changes here are implicit
(i.e. no explicit instruction was given regarding the
finger coordination pattern), this paradigm could be
combined with game-like environments and virtual
reality [4] to improve hand movement repertoire
and facilitate rehabilitation in stroke.
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INTRODUCTION

Electromyography (EMG) biofeedback training has
become a more useful tool with rehabilitation of
subacromial impingement syndrome. Biofeedback
affords patients a better sense of different muscle
activations involved in the movement of the
shoulder girdle [1]. It is important to address
scapular kinematics in the healthy population,
because those who have daily routines involving
large amounts of lifting at shoulder level or higher
are at a heightened risk of developing subacromial
impingement syndrome (SAIS) [2]. Understanding
the effects of scapular stabilization exercises in
order to prevent subacromial impingement
syndrome to these population is beneficial. As a
result, the aim of this study was to investigate the
effects of scapular stabilization exercises with EMG
biofeedback training in scapular kinematics.

METHODS

Nineteen healthy subjects (14 males, 5 females)
volunteered for the study. The mean age was 22.9 +
3.1 y/o, mean height of 1.76 £ 0.1 m and mean mass
of 75.1 + 11.0 kg. To measure muscle activation, a
Noraxon Telemyo DTS (Gain 500, CMRR >
100dB, input impedance > 100Mohm) was utilized
and sampled at 1500 Hz. The EMG data were
normalized using maximum voluntary isometric
contraction (MVIC) for all the muscles tested. Bi-
polar surface electrodes were placed parallel to the
muscle fibers of the upper and lower trapezius,
serratus anterior, and lumbar paraspinals of the
dominant arm with an inter-electrode distance of 2.0
cm (Figure 1). The EMG data were displayed on a
stationary overhead projector connected to a PC-
type of computer using MR3.4 MyoMuscle
software (Figure 1). A Polhemus Fastrak magnetic
tracking device was used to measure 3-dimensional
scapular kinematics. The receivers were attached to

the spine of the scapula using a customized scapular
jig, sternum (inferior to the jugular notch), and
distal humerus (Figure 1). A Polhemus sensor pen
was utilized to digitize the spinous process of C7,
T1, T7, and T8, the sternal notch, the
sternoclavicular joint, and lateral and medial
epicondyles of the humerus to set-up the coordinate
system following the standard set by the
International Society of Biomechanics [3].

Scapular
receiver

Figure 1: EMG and Magnetic tracking device set-
up.

A customized LabVIEW program was utilized to
collect and analyze scapular kinematics. The
kinematics data were sampled at 40 Hz. After a
standardized warm-up protocol, subjects underwent
scapular kinematic testing before and after
biofeedback training that consisted of three humeral
elevation trials in the scapular plane. Subjects were
afforded to practice humeral elevation trial before
the data collection commenced. Then EMG
biofeedback begun with scapular stabilization
exercises (I, W, T, Y) performed at 1 set of 10
repetitions (Figure 2). Subjects were told to actively
try and reduce the muscle activation shown on the
screen for the upper trapezius during the exercises.
A two-way repeated measures ANOVA was utilized
to compare scapular kinematics before and after the
EMG biofeedback scapular stabilization exercises.



The independent variables were humeral elevation
(30°, 60°, 90° & 110°) and time (Pre and Post
biofeedback training). The dependent variable was
scapular kinematics. Alpha level was set to 0.05.

Figure 2: Scapular stabilization exercises (I, W, T,
Y)

RESULTS AND DISCUSSION

There was a statistically significant difference at all
humeral elevation angles during scapular external
rotation (p < 0.004) between times (Figure 3). After
the exercises, the scapula was in a more externally
rotated orientation with a mean difference of 6.8
degrees. There were no significant differences
found for scapular upward rotation and posterior tilt
at all humeral elevation angles between times.

We hypothesize a significant change in scapular
kinematics after EMG biofeedback training. The
current study’s result was able to observed changes
in scapular kinematics after the scapular
stabilization exercises. Scapular kinematics is
altered by EMG biofeedback training. However,
only external rotation was significantly affected by
the exercises. We did not see any significant
differences in upward/downward rotation and
anterior/posterior tilt of the scapula. According to
the literature, increase in subacromial space can be
attained by an increase in upward rotation, external
rotation and posterior tilt of the scapula during
humeral elevation. It can decrease the chance of
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SAIS. The change in external rotation observed in
the current study can be attributed to the exercises
implemented, which targeted the serratus anterior.
The action of the serratus anterior muscle is to
prevent scapular “winging” or excessive internal
rotation of the scapula. The exercises used in this
current study combined with EMG biofeedback has
a valuable effect in preventing shoulder pain.

CONCLUSIONS

Scapular stabilization exercises together with EMG
biofeedback can help change scapular kinematics in
healthy individuals. A more externally rotated
scapula might result in an increase in subacromial
space that can be beneficial in decreasing the
development  of  subacromial  impingement
syndrome. Workers that necessitate large amount of
lifting above their shoulder and overhead athletes
(e.g. pitchers, tennis players) will benefit from these
type of exercises for shoulder injury prevention.
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Figure 3: Scapular external rotation before and
after EMG biofeedback training.
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USING SENSORS TO IMPROVE SPORT SAFETY
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INTRODUCTION

In the fall of 2003, Virginia Tech became the first
collegiate football team to utilize wireless helmet
mounted accelerometer systems [1]. Throughout
the next decade, over 2,000,000 head impact data
points were collected on football teams across the
country using the same Head Impact Telemetry
(HIT) technology (Simbex) [2]. This abstract
provides a very brief discussion of this research area
and introduces the future Sensor STAR system that
will help guide the widespread implementation of
sensors in all sports.

FOOTBALL HELEMET SENSORS

The original HIT system consists of six
accelerometers that are mounted in the crown of the
football helmet. The individual sensors are used to
calculate linear and rotational head acceleration
values for each head impact. These data are relayed
in real time to a sideline controller that can then
alert the medical staff if there is a high impact.
These alerts are not diagnostic, but simply a page to
a beeper to alert the physicians of a high impact.
Over the past decade, multiple systems have been
developed by Simbex and used throughout all ages
of football (Figure 1) [3].

The sensor data has proven dramatically valuable
and has resulted in two specific sport safety
improvements. First, the data on youth football was
used to provide guidelines for safer practice
structures that were adopted nationally by Pop
Warner [4,5]. Second, these data were used to
develop advanced concussion risk functions and
subsequently the Virginia Tech helmet rating
program that has resulted in improved helmet
design [6,7,8,9]

SENSOR STAR

Over the past several years, there has been an
explosion of new head impact measuring systems.
Many of these will allow for data collection in non-
helmeted sports and in particular will allow for data
collection in female sports (Figure 2). In order to
evaluate the effectiveness of these new sensors, we
have introduced the Sensor STAR program. This
program will utilized a three step process to access
the accuracy of the sensor systems.

The first step of the process will be to mount the
sensors onto a dummy head form and subject the
system to a range of impact severities and impact
directions. The new sensor data will be compared
to the reference data measured at the center of
gravity of the head form. It is important to note that
we are looking for reasonably accurate systems and
not perfect systems, as those may never exist for
wide-spread volunteer use. For example, a sensor
with a 10% error would measure 45g or 55g for an
impact with a 50g reference value. There is no
meaningful difference between these three impact
values.

Once a sensor has passed the first step, the second
level includes evaluation on volunteers during low
level impact events, such as heading soccer balls.
This evaluation will evaluate the sensors ability to
trigger and count impacts correctly.  This is
particularly important as the head impact counts are
being used to modify league rules, and the need to
be reasonably accurate prior to rule changes. The
last level of evaluation will utilize high impacts on
human surrogates to evaluate the sensor’s ability to
accommodate surface interaction conditions. The
Sensor STAR information will be provided on-live
via our ratings web page: www.vt.edu/helmet
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Figure 2: New sensor technologies will allow for 2014.
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Figure 1: Simbex, sold through Riddell, produces a range of helmet mounted technologies that have been used
since 2003 to quantify head impact exposure at youth, middle school, high school, and collegiate levels. The
original HIT system, the 6DOF system, and the InSite system are shown overlaying youth data collection.
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QUANTIFYING FIELD-BASED WARFIGHTER PERFORMANCE VIA A BODY-WORN ARRAY OF
WIRELESS INERTIAL SENSORS
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INTRODUCTION

Warfighter performance is inherently challenging to
monitor, quantify and ultimately interpret. These
challenges originate from the varied and complex
tasks that warfighters perform, the underlying
variability in human task performance, the
environments in which they operate, and a limited
knowledge of the measures that truly characterize
task performance success/failure. Adding to these
challenges are the confounding effects on physical
performance due to equipment (e.g., load, bulk and
stiffness), task training, and explicit performance
degradation. Our ongoing research in this rapidly
growing area aims to address these challenges by
engineering and evaluating a complete performance
approach to quantify and report warfighter
performance in naturalistic outdoor environments.

.

e

Figure 1: Body-won sensor array for the warfighter

Continued efforts rest on advancing our ongoing
research utilizing body-worn arrays of miniature
inertial  measurement  units  (IMUs)  that
synchronously measure and transmit data defining
the spatial mechanics of major body segments and
their interactions with external equipment. Our
current array utilizes up to ten IMU nodes attached
to the task-relevant segments/equipment of interest.
The IMU data encode the thumbprint of task

performance. For example, during walking or
running gait, performance metrics include timing
events (e.g., ground contact), gait speed, and
explicit segmental dynamics. To date, we have
developed an integrated functional IMU array and
companion (Matlab™  based) computational
algorithms for analysis of select warfighter tasks.
Currently the end user is required to have
significant expertise in  human biomechanics,
experimental methods, and software
development/manipulation to implement the
integrated system in a functional setting. Current
efforts aim to mitigate these limitations and extend
system capabilities by engineering and evaluating a
fully automated measurement system. Our ultimate
goal is to deliver an integrated hardware/software
system that enables easy and reliable assessment
and comparison of warfighter performance.
Specifically, we will generate a complete
measurement system that discriminates warfighter
performance using IMU data within naturalistic
(and often random) movement environments
encountered by the warfighter.

METHODS

We have collected data on a large number of young
healthy subjects, both for the purposes of the IMU-
based system validation and to subsequently assess
the effects of load-carriage within a simulated
warfighter environment [1, 2]. For the purposes of
validation, we compared a number of IMU-derived
body and segmental kinematical measures during a
variety of (e.g., walking, running, jumping, rifle
aiming) movement tasks to those obtained via
“gold-standard” motion capture techniques. Mocap
derived data were generated using or well
established methods [3]. Load-carriage effects were
evaluated with the validated IMU-system for
subjects moving within an outdoor obstacle course.
The course was consistent with those adopted



within the military, containing a series of running,
jumping, crawling, climbing and rifle aiming tasks.
Specifically, subjects completed the course with and
without additional (20.5kg) load.

Throughout the testing protocol, subjects had eight
wireless IMUs (Opal, APDM, Inc.) secured to
specific body segments (feet, shanks, thighs,
sacrum, and torso). Each IMU contains a 3-axis
accelerometer, angular  rate  gyro, and
magnetometer; a proprietary Kalman filter estimates
the directions of gravity and magnetic north relative
to sensor-fixed axes. Subjects initial perform
calibration movements to determine segment-to-
sensor alignments for post-processing purposes.

RESULTS AND DISCUSSION

Results from our extensive efforts to date have
yielded four major findings; namely: 1) IMU-
derived kinematical measures of human movement
accurately replicate those determined from standard
motion capture; 2) these kinematical measures
distinguish performance in a spectrum of highly
relevant  warfighter tasks; 3) our chosen
performance measures are sensitive to extreme load
carriage (e.g., loaded versus unloaded), warfighter
fitness and/or task induced performance degradation
(e.g., fatigued versus non-fatigued); and 4) IMU
technology and the embedded algorithms readily
translate to and be largely immune to the inherently
random nature of outdoor environments. More
specifically, our validation experiments have
revealed excellent agreement between IMU and
mocap measurements of linear acceleration and
angular velocity as well as quantities derived
therefrom, including linear velocity and angular
orientation. Less accurate, in general, are position
estimates, particularly for unconstrained tasks,
which is consistent with the raw data being
measured by a sensor, as position would be an
integrated parameter from the raw velocity and
acceleration signals. A key outcome of our obstacle
course work, which is particularly relevant to the
already encumbered warfighter, is that a rich and
highly applicable dataset can be generated with a
minimum number of sensors. For example, walking
and running performance can be successfully
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quantified and compared across (e.g., load and or
performance  degradation)  conditions  using
relatively  straightforward  IMU-derived  gait
parameters (e.g., stride period, length, and speed,
duration of single/double support phases and swing
phases). Similarly, jumping, climbing and landing
performance can be successfully quantified and
compared using sacral IMU-derived measures of
vertical acceleration and velocity as well as jump
height.

CONCLUSIONS

Our research provides an innovative and critical
vertical step in field-based warfighter performance
assessment techniques. Specifically, we have shown
that meaningful and readily comparable and
translatable performance outcomes can be obtained
from a small number of body-worn miniature IMU
sensors. By extending beyond the confines of the
traditional laboratory setting, this approach will
ultimately enable warfighter performance to be
successfully monitored and optimized within a
variety of complex and often random environments.
Moving forward, we will extend our approach to
more effectively characterize critical movement
metrics that can consistently distinguish levels of
performance success. Additionally, we will
automate the assessment approach so that it can be
used by the non-expert evaluator. Through these
steps, we expect this integrated technology will
readily translate to a variety of clinical settings.
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CLINICAL INTERVENTIONS FOR GAIT ABNORMALITIES: MODE OF FEEDBACK AND
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INTRODUCTION

The yearly incidence of injuries across all runners
varies between 24% to 71% (Fields, 2011). Of these
injuries, the majority involves the lower extremity
with 70-80% occurring from the knee distally (van
Gent, 2007). These high injury rates for runners
result from multiple reported causes including, poor
training, abnormal structure, weakness, inflexibility
and poor motor control. It is likely that these
differences in running-related injuries are due to a
combination of these factors. While the
comprehensive understanding of the etiology of
running-related injuries is incomplete, it is generally
accepted that running injuries are related to three
main factors: overexposure, lower extremity
structure, and lower extremity biomechanics.
Exposure or training can be easily monitored or
changed while structure is much more difficult to
change or account for. Biomechanical changes are
attainable but often difficult to learn or slow to
change.

Gait training has been an integral part of physical
therapy practice since the beginning of the
profession. However, interventions related to gait
are often subjective or based on predetermined
norms. Because there are likely multiple
biomechanical factors involved in lower extremity
injury, there are consequently multiple approaches
available to address these factors. Recently,
evidence has emerged investigating the mechanical
effects of modification of gait. Specifically, gait can
be modified with 3 main types of feedback:
auditory, visual and motor feedback. The purpose of
this presentation is to demonstrate the acute
biomechanical effects (particularly on ground
reaction forces, stride frequency, strike position and
strike pattern) of various types of feedback. Further

discussion will be added regarding clinical
application.

METHODS

All subjects will undergo running assessment via
3D motion analysis. Data will be presented based on
various feedback interventions. During the gait
assessment, retroreflective markers (at least three
per segment) will be placed bilaterally on the
segments of the rearfoot, shank, thigh and pelvis. A
standing calibration trial will be collected. The
subject will then be asked to run on a specialized
treadmill instrumented with a force platform and
surrounded by an 8-camera, motion analysis system.
The subjects will run at a constant speed (3.35 m/s).
Kinematic data will be sampled at 240 Hz, and
force data will be collected at 1200 Hz. Thirty
seconds of data will be collected for pre- and post-
conditions. Kinematic and kinetic data will be time-
synchronized. The three-dimensional coordinates of
each marker are reconstructed using a direct linear
transformation method. The reconstruction errors in
a volume of approximately 1m X 1m X 2m are
typically on the order of 0.5 mm. The 3-
dimensional coordinates will be filtered using a 2nd
order recursive Butterworth filter with a 12 Hz
cutoff frequency.

The following modes of feedback will be employed
for pre- and post- comparison: step rate via
metronome and cuing, hip drop via video and cuing,
strike position via video and cuing, strike pattern via
video and cuing, trunk lean via video and cuing, soft
landing via cuing. Additionally, mechanical
outcomes following acute bouts of stretching,
strengthening and repetitive motion will be
examined. Mechanical variables of loading rate,
peak vertical GRF, strike position, strike pattern and
vertical stiffness will be evaluated. Lower extremity



stiffness will be determined during running by
dividing vertical ground reaction force by vertical
displacement of the body’s center of mass (Farley &
Gonzalez, 1996). Based on the results of these
laboratory tests, similar clinical interventions will
be used and outcomes evaluated in runners with
injuries or performance deficits.

RESULTS AND DISCUSSION

There were distinct differences in outcomes post
intervention across most variables. Feedback with
metronome was successful for immediate change in
stride frequency, strike position and strike pattern.
With cuing, there were immediate changes but the
changes were not as distinct and were not consistent
after 1 minute. These will be demonstrated in
clinical settings utilizing free apps and basic clinical
feedback methods.

Differences were realized in hip drop with visual
cuing and verbal cuing. Visual cuing resulted in
slower changes that deteriorated when feedback was
removed. Cuing resulted in immediate changes that
were longer lasting but deviated further from
baseline. Strike position and strike pattern were less
consistent in their response to both video and cuing.
Clinical examples that result in short term and long
term changes in pain will be demonstrated.

Trunk lean feedback, whether through video or
cuing resulted in varying mechanical outcomes and
subjects were less able to successfully change trunk
lean. Soft landing via cuing was successful but not
symmetrical. Lower extremity stiffness was greater
pre cuing for soft landing 14.15Nm/kg compared to
post 10.11Nm/kg which represents a 27% decrease
in stiffness. Clinical examples of trunk lean and
soft landing will be presented.

Mechanical outcomes following acute bouts of
stretching resulted in reductions in lower extremity
stiffness and loading rates. After acute bouts of
strengthening exercises, there were no differences in
mechanics. With repetitive motion, there were
changes in stiffness and stride rate.
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CONCLUSIONS

In general, runners are able to quickly and easily
respond to most feedback methods in the clinic.
Based on mechanical outcomes, stride rate and soft
landing cues appear to be the most effective and
easily realized. The fact that runners are able to
change running mechanics does not indicate they
have adapted to a particular running style. The
current study was not designed to develop
permanent adaptations and therefore does not
suggest that these or other runners are able to
maintain these gait patterns. In fact, depending on
the type of feedback, it may not be maintained over
a single training session. This suggests that caution
should be exercised when training runners with new
or different mechanics as the intended changes may
not be realized (4).

It appears that runners are able to quickly alter their
gait patterns based on a number of different
feedback modes. While auditory feedback for stride
frequency seems to be most successful, verbal cuing
has reasonable success for many variables. Visual
feedback, particularly for trunk lean is least
effective in achieving changes. More practice may
be necessary to further train runners in specific gait
parameters.  Future studies are still needed to
determine if runners permanently adapt to changes
in their running mechanics and whether these
changes alter any risk for running-related injuries.
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INTRODUCTION

Biomechanical assessment has been traditionally
completed in a controlled laboratory setting. With
advances in technology it is now possible to assess
movement in athletes and patients outside of the lab
and therefore to more closely recreate normal
movement during a variety of activities in both
athletic as well as patient populations. Previous
work has demonstrated that both movement and
loading asymmetry is present in a variety of
populations from orthopaedic patients following
surgical intervention to athletes as they return to
completion following an injury. While previous
studies have demonstrated that these movement and
loading deficits are present in a variety of
populations all of this work has been completed in a
controlled laboratory environment.

Following both total hip replacement (Queen, Clin
Biomech 2015), and total ankle replacement surgery
(Queen, JBJS 2014), Queen Clin Biomech, 2014)
both movement and loading asymmetry have been
reported to persist for up to 24 months. These
asymmetries have been associated with incomplete
recovery and it has been proposed that additional
post-operative interventions might be needed in
order to improve long-term outcomes and restore
both loading and movement symmetry. In addition,
Paterno, et al as well as other have reported a
similar asymmetrical movement pattern that persists
following anterior cruciate ligament (ACL)
reconstruction (Paterno, CJSM 2007, Dai, AJSM
2012, Butler, Sports Health, 2014). This
asymmetrical pattern in post-operative ACL patients
has been associated with an increased risk for a
secondary injury and therefore an area of focus for
rehabilitation as well as injury prevention programs
(Paterno, CJSM 2007).

Previous studies have examined changes in loading
patterns outside of the lab setting on a variety of
athletic surfaces (Queen, BJSM 2008, Orendurff,
AJSM 2008). However the collection of this
information was not without limitations and at times

the set-up and collection of this data can be difficult
due to the need for data logging and or a close
proximity to the computer. Based on these and other
limitations a method of collecting data that can
provide real-time feedback without needing to be in
the laboratory setting will be essential as we begin
to explore how various injuries and pathologic
conditions impact activities of daily living in a
variety of settings.

METHODS

The purpose of the symposium and this presentation
are to stimulate discussion within the biomechanics
community and raise awareness about the variety of
techniques that can be used for the collection of
biomechanical data in a variety of non-laboratory
based settings. The collection of plantar loading
data has been possible for years using in-shoe
pressure systems such as Pedar-X (Novel
Electronics, St. Paul, MN) as well as the F-Scan
(Tekscan, South Boston, MA). However, the
collection and interpretations of this data can be
time consuming and have limited applications for
immediate feedback to the subject. The current
options for the collection of in-shoe pressure data
will allow the researcher to collect the data either
through data logging, which does not provide
immediate feedback to the researcher or the subject
or the researcher is required to have the subject
move in close proximity to a computer in order to
use Bluetooth to obtain the plantar loading data.
While these collection methods have provided
invaluable information about how the foot is being
loaded during a variety of conditions and in a
variety of settings, this method does not allow for
the flexibility that is needed for the assessment of
movement in a “real-life” setting.

The PedoPed (Novel Electronics, St. Paul, MN) is a
new device that is designed to deliver on many of
the current needs for the assessment of loading in a
variety of environments. The PedoPed is a single
sensor insole (up to 300Hz) that fits within most



shoes (US Women’s 5.5 — Men’s 15). The PedoPed
does not require a separate transmitter or battery to
be worn by the subject. The PedoPed uses
Bluetooth technology to link to an iDevice app for
data collection. The application allows for the real-
time visualization of the vertical force for each foot
in two graphical forms. Data collected from the
PedoPed can be stored on the iDevice and then
downloaded through iTunes for additional analysis.
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Figurel: Screen-shot of PedoPed App during 3 mile run data collection.

The preparation and subject set-up take no more
than 5 minutes from the time the insole is placed in
the shoe until the first trial is collected. All that is
required to begin is an accurate body weight
(converted to newtons). Once the load information
is entered into the iDevice app the subject is asked
to stand on one foot and then the other (fingertip
touch for stability) in a sequence in order to
calibrate the system. Once this is completed and
then the insoles are zeroed, data collection can
begin.

Throughout the presentation a variety of scenarios
for the use of the PedoPed device in a variety of
settings from a controlled laboratory environment to
running and walking on a nature trail will be
described. These examples, including running
(Figure 1), biofeedback (Figure 2), and orthopedic
rehabilitation (Figure 3), will demonstrate the
versatility of the PedoPed as well as its uses for
both the collection of research data as well as the
ability to set thresholds and provide immediate
biofeedback (Figure 2) to the patient independent of
the testing location.

RESULTS AND DISCUSSION

A 67 year old female, 5 years post-op from a right
TKA was asked to complete a 1 mile walk in a
location of her choosing while wearing the PedoPed
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Figure 2: Real-time
biofeedback during a squat in
a patient with an asymmetric
loading pattern.

insoles. The total set-up time was 7 minutes and the
subject chose to walk on the sidewalks around town.
The calibration was completed with a single
fingertip touch to improve balance and stability
prior to data collection. Data was collected for 30
second every 2 minutes throughout the walk.

W

Figure 3: Collection of walking data at 0.9 miles with 5yr post-op R-TKA patient

This data (Figure 3) would indicate that this subject
has a significant asymmetry with an overload of her
non-operative limb.

Through the use of technology like PedoPed and
other, researchers and clinicians will be able to
monitor movement in any environment in order to
replicate specific activities and conditions. The
ability to collect in any environment will allow for
the design and implementation of interventions to
improve long-term health, decrease injury risk
factors and hopefully allow individuals to maintain
an active and healthy lifestyle.
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INTRODUCTION

Developing virtual knee models for clinical and
scientific simulations of the patellofemoral joint
requires evaluating their predictive capacity, to
represent physiological joint kinematics-kinetics and
contact mechanics, in order to establish model
credibility [1]. With comprehensive testing,
specimen-specific models can be developed to
represent not only individualized anatomy, but also
tissue mechanical properties. In addition, with joint
level mechanical testing data, the accuracy of the
model can be confirmed.

Recently, the Open Knee(s) project has been
launched to mitigate various uncertainties in
modeling and simulation of the knee joints with the
aim to build completely specimen-specific (geometry
and material) three-dimensional finite element
representations from different populations with
varying gender, age and grades of osteoarthritis [1].
Within this project’s framework, specimen-specific
patellofemoral joint mechanics have been measured
such that specimen-specific evaluation of model
performance can be conducted in an elaborate
manner. The goal of this document is to provide the
specific details of the patellofemoral testing within
the framework of the Open Knee(s) project.

METHODS

Six knee specimens were obtained (Table 1). All
specimens were absent of knee injury, surgeries or
inflammatory arthritis. A specimen preparation
protocol allowed placement of optoelectronic
measurement sensors (Optotrak, Northern Digital
Inc., Waterloo, Ontario, Canada) and registration

markers (to relate mechanics data to imaging) on the
tibia, femur, and patella.

Table 1: Specimen Characteristics

Specimen # | Gender | Age | Height | Weight BMI
oks001 Male 71 | 1.83m | 77.1kg | 23.1 kg/m®
0ks002 Female | 67 | 1.55m | 45.3kg | 18.9 kg/m?
0ks003 Female 25 1.73m | 68.0kg | 22.8 kg/m?
0ks004 Female | 46 1.58m | 54.4kg | 21.9 kg/m?
0ks006 Female | 71 | 1.52m | 49.4kg | 21.3 kg/m?
oks007 Male 71 1.7m | 65.8kg | 22.7 kg/m?

Anatomical landmarks and  MRI-opaque

registration spheres were digitized relative to the
optoelectronic sensors, respectively, on the tibia,
femur and patella and standardized joint coordinate
systems (JCS) were created and defined for the
tibiofemoral and patellofemoral joints [2]. The
specimen was then secured to the robotic Universal
Musculoskeletal Simulator [3], capable of six
degrees-of-freedom and real-time force feedback
using simVITRO™ software (Cleveland Clinic,
Cleveland OH). The tibia was secured to two 6 DOF
force-torque sensors (S1-1900-80, ATI Industrial
Automation, Apex, NC) embedded in a custom stage
rigidly attached to the robot. These sensors were used
to measure force vectors applied to the tibia by the
femur and provide feedback needed to drive the robot.
A quadriceps loading system was developed utilizing
a Baldor (Fort Smith, AR) model BSM80N-275AE
servomotor and a harmonic drive system (CSG-40-50,
Hauppauge, NY). The quadriceps tendon was held by
a custom wire mesh grip (DCD Design and
Manufacturing Ltd., Richmond BC, Canada) and
frozen with liquid nitrogen. Quadriceps loading was
applied under force feedback control synchronized
with the robot to achieve a desired joint loading state.



A Tekscan (Boston, MA) sensor (5051, 1,200 psi
range) was inserted in the patellofemoral joint to
measure contact mechanics.

Patellofemoral mechanics were characterized
under quadriceps loading at tibiofemoral flexion
angles of 0°, 15°, 30°, 45°, and 60°. At each flexion
angle the tibiofemoral joint was set to a position
approximating passive flexion (20 N quadriceps, 20 N
tibiofemoral compression, and all other off-axis loads
minimized). Then, quadriceps loads were applied at
20, 100, 200, 300, 400, 500, and 600 N. At each
loading state, the patellofemoral contact mechanics,
patellofemoral kinematics, tibiofemoral kinematics,
and tibial loads were measured.

RESULTS AND DISCUSSION
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Figure 1: Patellofemoral contact mechanics for oks007
specimen. a) pressure distribution at 60° flexion and at
600 N quadriceps force, b-d) contact force, area, and peak
pressure at all flexion angles and loading conditions,
respectively.

For the purpose of this abstract, one specimen's
results were highlighted. Patellofemoral contact
mechanics for a single specimen (oks007) are shown
in Figure 1. The pressure distribution at 60° flexion
with a 600 N of quadriceps load a dual contact area is
shown in Figure la. The contact force and area
increased with both flexion and quadriceps loading
and the peak contact pressure monotonically
increased with quadriceps loading (Figures 1b-d), but
not with flexion. The highest contact pressure
recorded for this specimen was at 45 degrees of
flexion. Table 2 illustrates the variability of peak
contact pressure across specimens at this same
loading condition.
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Table 2: Peak contact pressure for each specimen at 45
degrees of flexion and 600 N of quadriceps load.

Peak Contact Pressure (MPa)

0ks001 | oks002 | oks003 | oks004 | oks006 | oks007

1.76 2.90 2.90 2.22 3.37 2.61

In order to build virtual knee models with
accurate specimen-specific joint mechanics, the
model predicted joint kinematics-kinetics and contact
mechanics should be similar to the experimental
measurements for the corresponding specimen. This
document outlined the specific details on how
patellofemoral testing was completed within the
framework of the Open Knee(s) project to provide the
opportunity ~ for  specimen-specific  evaluation.
Anatomical images and tissue properties were also
collected for the same specimens as part of the Open
Knee(s) initiative, aiming to build geometric and
mechanically consistent specimen-specific models.

When specimen-specific patellofemoral joint
mechanics data are not available, data from the
literature can be utilized. However, it is evident that
contact mechanics vary largely amongst specimens
and such comparisons may suffer from uncertainties
associated with anatomical and mechanical variations
between specimens (Table 2).

Open Knee(s) project targets to complement the
reported data by testing four additional specimens, to
further diversify the population of patellofemoral
joint data. The next steps involve development of
specimen-specific knee models to evaluate against the
contact mechanics data collected in this study, for
each respective specimen. These models can then be
used by any and all interested investigators to further
elucidate patellofemoral pathologies and potential
treatment options for patients.
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INTRODUCTION

Anterior cruciate ligament (ACL) injuries are
extremely common. Patients sustaining ACL injury
also incur damage to other joint tissues with
resultant dysfunction. Surgical ACL reconstruction
(ACLR) is performed to regain knee stability and
allow return to function in a timely manner.
Autografts and allografts used for ACLR must
undergo cellular repopulation, revascularization,
and re-innvervation for joint function to return to
normal. The most common complications after ACL
injury and ACLR include continued dysfunction, re-
tear, and secondary osteoarthritis (OA).! These
complications may be inter-related and may stem
from the inability to fully restore ACL, and whole-
joint, integrity and function. Importantly, 50-100%
of ACLR patients experience early onset OA with
radiographic evidence seen as early as 5 years after
ACL injury.” These sequelae indicate that current
management strategies for ACL injuries are
suboptimal and have profound clinical implications
regarding long-term  prognosis and related
healthcare costs.

Several mechanisms for development of OA
secondary to ACL injury have been reported,
including altered tibiofemoral biomechanics after
injury, chondrocyte death due to initial trauma, and
neuromuscular control deficits.** Recent evidence
indicates that an absence of sensory information
may play a critical role in the development of OA.°
To investigate this potential mechanism, we
developed a novel large animal model to assess the
relative contributions of sensory afferents in the
ACL and the joint to knee function and early
development of OA. We hypothesized that ACL
sensory denervation would manifest in knee joint
dysfunction and development of early OA.

METHODS

With IACUC approval, purpose-bred, adult research
dogs (n=9 dogs, 18 knees) underwent aseptic
arthroscopic surgery to create 6 treatment cohorts
(Table 1). An immunotoxin was used to induce
sensory denervation. OX7-saporin has been
reported to successfully denervate 80% of the
sensory nerve fibers projecting to the knee.’ Once
injected, this immunotoxin was taken up by a nerve
through endocytosis and transported back to the cell
body where it deactivated the ribosomes, killing the
nerve. For this study, OX7-saporin (50ug) was
injected into the ACL for the ACL insufficient
(denervated) group and into the knee joint for the
Joint insufficient (whole-joint denervation) group.
Partial transection of the ACL was performed to
provide a positive control of known mechanical
dysfunction (ACL deficient group) and sham
procedures were performed in the contralateral
knees (Table 1).

Table 1: Project Cohort Description

Study Group Control Representative
ACL
) ACL ACL
denervation saline (n=3) Insufficient
(n=3) B
ACL transection ACL shgm ACL
_ transection .
(n=3) (n=3) Deficient
den\(]e?\l/r;ttion Joint Joint
(n=3) Saline (n=3) Insufficient

After intervention, dogs were enrolled in a
regimented exercise program in which they were
leash-walked for 20 minutes/day 5 days/week. Gait
analysis was performed at weeks 1, 4, 8, and 12
using a pressure-sensitive walkway. Clinically
relevant functional assessments of the knees were
performed by a board-certified veterinary surgeon,



ROM Difference

blinded to treatment, at weeks 4, 8, and 12. At week
12, the animals were humanely euthanatized for
arthroscopic, gross, and histologic assessments.
Two different raters assessed the histological results
in blinded fashion.

RESULTS AND DISCUSSION

The ACL insufficient group demonstrated joint
dysfunction as evidenced by reduced limb loading
and comfortable range of motion compared to the
contralateral control limb. Interestingly, knee
dysfunction and ACL pathology scores associated
with ACL denervation were relatively more severe
than that associated with whole-joint denervation,
but less severe than ACL deficiency. These results
indicate that sensory dysfunction of the ACL has
effects on knee joint health and function, which has
profound implications for management of ACL
injuries.
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Figure 1: A change in overall joint function (1a and
1b) and tissue health (1c) was observed between the
study groups.
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Early onset OA secondary to ACL injury is likely a
multi-factorial process. Aberrant biomechanics,
arthrogenic muscle inhibition, and trauma to the
subchondral bone have been strongly associated
with the degradation of articular cartilage seen in
OA. The present findings indicate that it is
necessary to elucidate the effects of ACL afferents
on osteoarthritic changes in the knee after ACL
injury as the neurologic function of the ligament
appears to play important roles in this disease
process. This novel model may provide a platform
to: (1) investigate the neural mechanisms of
osteoarthritis and (2) understand the consequences
of selective sensory ablation on joint function. The
current study has limitations. In addition to the
small number of dogs included in each cohort, the
relatively short duration of the study limits the
conclusions that can be made from these
observations. The effects of the toxin OX7-saporin
on sensory afferents in the dog have not been
validated, but are part of our ongoing analyses.
CONCLUSION

To the investigators’ knowledge, this is the first
study to investigate the effects of local sensory
denervation of the ACL on knee joint function and
health. Further development and use of this novel
model holds importance as the ACL is a major
sensory structure for knee joint function. After ACL
injury, there is disruption in the sensory-motor
connection to the knee, which ACL reconstruction
does not immediately re-establish. The results of
our study indicate denervation of the ACL may lead
to joint dysfunction and subsequent osteoarthritic
changes. These findings have implications for
management of patients with ACL injuries,
including rehabilitation programs that focus on re-
establishment of sensory-motor function, which
may ameliorate rapid development of OA knee.
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INTRODUCTION

Obese children can improve their health outcomes
by engaging in sufficient walking and running
physical activity. However, since obese children
have greater muscle force requirements relative to
lean-mass during locomotion [1], continuous bouts
of walking or running may elicit fatigue, which may
alter joint loading and increase injury risk. Altered
tibiofemoral loading during daily physical activity
in obese children is theorized to contribute to their
well-documented increased risk of orthopedic
disorders of the knee (e.g. growth plate suppression
and joint malalignment); conditions thought to lead
to a cycle of weight gain [2,3]. However, it is
unknown how tibiofemoral loading is altered by
pediatric obesity during walking and this limits our
ability to evaluate the risk-benefit ratio of physical
activity on the musculoskeletal system. This study
sought to determine the effects of pediatric obesity
and walking duration on the magnitudes,
distribution, and loading rates of medial and lateral
tibiofemoral contact forces.

METHODS

We collected experimental biomechanics data
during treadmill walking at 1 mes™ for 20 minutes
in 10 obese (BMIz > 95%) and 10 healthy-weight
(5% < BMIz < 85%) 8-12 year-olds. Age, sex, and
leg length were similar between groups.

We used dual x-ray absorptiometry to capture
whole body and higher-resolution knee radiographs
for each child (Fig. 1A, B). We defined a medial
tibial epiphysis region of interest (ROI) and
measured the areal bone mineral density (BMD)
(Fig. 2A). In a prior model development and
methodology validation study, we introduced a knee

mechanism into a full-body OpenSim gait model
that was capable of incorporating subject-specific
tibiofemoral alignment and centers-of-pressure, and
accurately resolving medial & lateral compartment
contact forces [4] (Fig. 1C). In the present study, we
created subject-specific musculoskeletal models by
specifying leg alignment and compartment centers-
of-pressure by analyzing the radiographs for each
child using established methods [5]. In OpenSim,
we used weighted static optimization to estimate the
muscle forces that reproduced the measured
walking motions, and calculated the contact force in
each compartment using Joint Reaction [4].

A) Alignment B) Contact locations C) Subject-Specific Model
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Figure 1: Measuemet (A,B) and specification (C) of
alignment (6) & medial and lateral compartment contact
locations (dw/dL) [5] for each subject-specific model.

RESULTS AND DISCUSSION

Obesity and walking duration affected tibiofemoral
loading (Fig. 2-4). In the obese vs. healthy-weight
children, peak contact forces (N) during stance were
2.1 times greater in the medial compartment
(p<0.001) (Fig. 2B), but similar in the lateral
compartment (p=0.406). Normalized to the BMD in
the medial tibial epiphysis ROI, peak medial forces
(Nekgtecm?) were 1.77 times larger in the obese vs.
healthy-weight individuals (Fig. 2C).
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Figure 2: Medial tibial epiphysis ROl (A), and absolute (B) and BMD normalized (C) medial compartment contact forces in the
obese (solid) and healthy-weight (dashed) children. * denotes a significant difference.
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Figure 3: The linear relationship (r>=0.79) between % medial
load (%ML) and body fat % (BF%); %ML = 1.3-BF% + 28.3.

At the start time-point (1% minute after 5 minute
acclimation period), the average medial load share
during stance was 85% in the obese children vs.
63% in the healthy-weight children. At the end
time-point (20" minute), the average medial load
share was 90% in the obese children vs. 72% in the
healthy-weight children (Fig. 4).

100 | rObese End
©
3
:_'U 80 - ‘LObese Start
8
a Y Healthy-Weight End_, = ~ ™~
EO G0 1™ c— ™ — \
=
° Healthy-Weight Start

10 20 30 40 50

% Gait Cycle
Figure 4. Media load share in obese and healthy-weight
children at the start and end time-points.

Medial compartment loading rates were 1.78 times
greater in the obese vs. healthy-weight participants

and increased 17% in both groups at the end vs. the
beginning time-point (p=0.001).

CONCLUSIONS

During adolescence there is a disassociation
between longitudinal bone growth and mineral
accrual, affecting bone microarchitecture. Our
finding of elevated medial compartment force
relative to the underlying BMD supports the theory
that altered loads in obese children during walking
may contribute to their increased risk of developing
orthopedic disorders of the knee. The strong
relationship between medial load share and body fat
% (Fig. 3) also supports the previously reported
positive association between pediatric obesity and
knee pain/pathology. Walking duration affected
loading in both groups, yet the baseline values were
greater in the obese children. Thus, longer activity
durations may increase the risk of musculoskeletal
injury more in obese vs. healthy-weight children, so
shorter durations may be advisable.
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INTRODUCTION

Malalignment, high body mass index, and soft
tissue injuries have all been associated with knee
osteoarthritis (OA). Patients with knee OA most
typically suffer from varus malalignment, which
overloads the medial compartment. Medial knee
compartment contact forces can be reduced by the
use of valgus bracing'” and lateral knee
compartment forces can be reduced by the use of
varus bracing'. The effect of lateral and medial foot
wedges with and without valgus knee bracing upon
compressive joint loading is unknown. Total knee
contact force was measured on an individual
wearing medial and lateral foot wedged insoles with
and without a knee brace. The test subject has been
fitted with an instrumented knee replacement (e-
tibia) that measures total knee contact force in vivo.
We hypothesize: (H1) lateral wedged foot insoles
will decrease medial compartment forces, while
medial wedged foot insoles will decrease lateral
compartment forces, and (H2) that wedged foot
orthoses will further decrease total knee contact
forces compared with knee bracing alone.

METHODS

A pilot study was conducted on a single-subject
(female, 69 years old, 81 kg) who had an e-tibia
total knee replacement (TKR). Composed of a
polyethylene insert, tibial tray, and telemetry
system, the e-tibia measured three forces (Fy, Fy, F,)
and three moments (M, My, M,) through 12 load
cell strain gages integrated within the TKR’. The
subject walked at her self-selected speed on a level
walkway while simultaneously measuring e-tibia
contact loading and 3D inverse dynamics (12 Eagle

cameras, Motion Analysis Corp, Santa Rosa, CA; 2
Bertec, Columbus, Ohio; and 2 AMTI, Bilarica, MA
force plates). The test subject walked with a knee
brace (Unloader Select, Ossur Americas, Foothill
Ranch, CA) adjusted to 4° valgus and in the
unbraced condition representing baseline (control).
In addition, the test subject was fitted with 5°
medial and lateral wedged full length foot insoles
which were assessed with and without the knee
brace. Inverse dynamics and e-tibia data were
simultaneously collected from the subject with four
trials per condition. Total contact forces from the e-
tibia were stratified into medial and lateral
compartment  forces  using  subject-specific
regression equations.

RESULTS AND DISCUSSION

Medial (solid) and lateral (dashed) compartment
contact forces were measured by the e-tibia (Fig. 1).
The unbraced condition (control) shown in purple
demonstrated the largest peak forces in both the
medial and lateral compartments of the knee. The
Unloader Select knee brace (4° valgus correction)
shown in green significantly reduced peak contact
forces in the medial compartment (~20%). Medial
wedges alone shown in dark blue significantly
reduced the 1% peak contact force in the medial
compartment but not the 2°°. The lateral wedges
alone shown in yellow significantly reduced the 2™
peak contact force but not the 1%. Neither wedge
alone had a substantial impact on lateral
compartment forces. The medial and lateral wedges
in conjunction with knee bracing are shown in light
blue and red and were both effective at reducing
medial compartment contact forces.



A valgus knee brace alone or with wedged foot
insoles was able to significantly reduce peak contact
forces within the medial compartment of the knee
(Fig. 1). Wedged foot orthoses alone were able to
reduce medial peak contact forces preferentially.
Neither wedged insole was effective at reducing
lateral compartment forces supporting partial
acceptance of hypothesis 1. The addition of either
medial or lateral wedged foot insoles to knee
bracing did not further reduce peak contact forces.
This suggests the mechanism for reducing contact
forces is through load sharing via the brace hinge.’
Wedge insoles employ a different strategy, which is
to shift the load through altering foot alignment.
Given that the addition of wedged insoles did not
further reduce contact forces compared knee
bracing alone hypothesis 2 is rejected.

CONCLUSIONS

Wedged foot orthoses were able to preferentially
reduce the 1% or 2™ peak of the medial compartment
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knee contact force. Knee braces alone were capable
of reducing both the 1* and 2™ peak of the contact
force and the addition of medial or laterally wedged
foot insoles did not provide additional benefit to
braces alone.
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Figure 1: Medial Compartment forces are depicted in solid lines while the lateral compartment forces are
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Back to ToC

CAN OSTEOARTHRITIS RADIOGRAPHIC SEVERITY AND PAIN BE EXPLAINED BY JOINT
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INTRODUCTION

Intuitively, it would make sense for radiographic
signs of osteoarthritis severity to be closely related
to pain and joint mechanics during gait. However,
quantifying this relationship has proven to be
analytically challenging, particularly in patients
with mild or moderate severe osteoarthritis. The
previous literature is not conclusive on the topic,
Astephen et al [1] linked pain to stride
characteristics, but not to mechanics, but was able
to link knee adduction moment to radiographic
severity, and Zifchock et al [2] found that pain did
not correlate with knee adduction moment, but did
correlate with radiographic indicators of severity. In
contrast, Henriksen et al [3] linked increased pain to
decreased peak knee adduction moment. This
abstract proposes that links between pain,
radiographic severity and mechanics can be
quantified using Partial Least Squares, and that this
technique offers some interpretation advantages
over more traditional tools such as multiple linear
regression.

Partial Least Squares (PLS) [4] is a generalized
form of principal component analysis (PCA). An
advantage of PLS over PCA and multiple linear
regression is that it is possible to analyze multiple,
continuous response (Y) variables simultaneously.
This advantage is particularly useful in cases with
multiple correlated predictors and responses.

METHODS

To evaluate the performance of PLS as an analysis
and interpretation tool for biomechanical data, it
was tested on an already published data set. The
data set includes hip, knee and ankle kinematic and
kinetic data from 37 subjects with mild to moderate
osteoarthritis; the details of the data collection are

summarized in Astephen et al [1]. The analysis
procedure was as follows:

Preprocessing:
Calculate PC scores for 3 components on each variable
[PCHree A pCire A pCY™“ *|=PCA(Knee Flexion Angle Ax;,,,,)

[PCree & pCEe & pCY“ ¥ |=PCA(Knee Adduction Angle Ay;,,,,) efc...
X is composed of all PC Scores for all variables
IY:[P(#/\'NU Ax P("é{mz Ax P("‘}:’m‘(‘ Ax P('v;\'m‘(‘ .‘\---Jx-x.‘s

Y is composed of outcome measures, VAS and pain
Y=[VAS Pain]

Variable Selection:

Calculate the PLS model, reject least important variable,
repeat until 5 variables remain in X

PLS:

Calculate scores for 2 Latent Variables

|7, T,]=PLS(X)Y)

MLR:

Predict Y based on T, and T,
Yvs=ap+a,Ti+a,T,
)'v/wu:hu*'hlT1+/73T_~

The PCA analysis was conducted using MATLAB
code written by our lab group. Three principal
components were extracted for the flexion and
abduction-adduction angles, and all moments at the
hip, knee and ankle. The PLS analysis was
conducted using MATLAB code written by the
author, based on the algorithm outlined in Abdi [5].
The number of columns in X was reduced to a more
parsimonious set of 5 variables using the criteria
described in Andersen and Bro [6]. Multiple linear
regression (MLR) on the PLS latent vector scores
was conducted with built in MATLAB functions.

RESULTS AND DISCUSSION

The response (Y) variables were radiographic VAS
(Visual Analog Scale, average of grade from two
surgeons, mean 4.4, range 1.1 to 8.3) and the pain



subscale from the WOMAC Score (mean 7.2, range
0 to 18). The Kellgren-Lawrence (KL) Score for
these patients ranged from 1 to 4.

The predictor variables selection process extracted
kinematic and kinetic variables as shown in Figure
1, along with the regression weights calculated as
part of the PLS process. The knee moment variables
were of similar importance to the prediction of VAS
and pain, but in the opposite direction. Hip
adduction moment PC2 score (corresponding to the
first peak) was an important predictor for pain, but
was not an important factor in predicting
radiographic severity. The ankle toe in-toe out
moment PCI (corresponding to magnitude) was
important for predicting radiographic severity, but
not pain. However, severity and pain are not
associated with each other, and the relationship
between mechanics and pain and the relationship
between mechanics and radiographic severity are
different. Multiple linear regression revealed that
mechanics better explained radiographic severity
than pain, with R* values of 0.3 for VAS, 0.2 for
pain.

The importance of knee adduction moment is
consistent with the previous literature relating
radiographic severity and this feature. Henriksen et
al [2] noted the relationship between this variable
and pain, but Henriksen analyzed the peak knee
adduction moment, and the PC2 extracted by this
analysis appears to also related to the curve shape,
as shown in Figure 2.

CONCLUSIONS

The results of the PLS analysis suggests that
mechanics can be linked to both radiographic
severity and pain in moderate OA patients. The
Astephen et al 2011 paper was not able to link pain
to joint mechanics, but the current analysis was able
to using the same data, which indicates that
multivariate methods may be required to quantify
the pain-radiographic severity-mechanics
relationship.
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Figure 1: Regression weights for retained variables to explain
radiographic severity (VAS) and pain
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Figure 2: Waveforms corresponding to high and low PC
scores (+/- 1 SD)
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INTRODUCTION

Osteoarthritis (OA) is the largest single cause of
disability in the United States, and the knee joint is
most frequently affected [1]. Increased knee laxity
has been reported in knee OA patients compared to
controls [2], and additional active knee stability, by
increased muscle activation or co-contraction of
antagonist muscles, has been hypothesized to assist
in knee stabilization [3]. Muscle guarding may
reduce the magnitude of measured laxity, and it is
currently unknown how large of an effect this plays
in identifying a relationship to active stability.

The primary purpose of this study was to identify
the association between passive knee laxity,
measured when each participant is under general
anesthesia, and contributors to active knee stability
in participants with severe OA. We hypothesized
that increased passive knee laxity would be
associated with increased quadriceps muscle
activity and co-contraction indices during gait.

METHODS

Twenty individuals (22 total knees: 7 male / 15
female, age=59.0 + 7.3 y, ht=1.68 = 0.11 m,
mass=93.5 + 15.3 kg, BMI=33.3 + 4.5 kg/m?
completed this study after providing IRB approved
consent. Participants had predominantly medial
compartment tibiofemoral OA and were awaiting
total knee arthroplasty (TKA). Prior to surgery,
each participant completed gait analysis in Ohio
State’s Movement Analysis and Performance Lab.
Participants walked along a 10 m path at a self-
selected speed (0.98 + 0.26 m/s). Marker data were
collected at 150 Hz utilizing 10 motion-capture
cameras (MX-F40; Vicon; Oxford, UK). A
modified point-cluster technique marker set was

used in conjunction with a functional hip joint
center to calculate lower extremity kinematics.

Wireless  surface  electromyography  (EMG)
(Telemyo DTS; Noraxon USA, Inc; Scottsdale, AZ)
was recorded at 1500 Hz for specific lower
extremity muscles that cross the knee joint on the
involved limb. Three separate, unweighted tasks
were used as submaximal reference activities to
normalize EMG signals. Seated uni-lateral knee
extension was used to normalize the rectus femoris
(RF), vastus medialis (VM), and vastus lateralis
(VL). Standing uni-lateral knee flexion was used to
normalize semimembranosus (SM) and biceps
femoris  (BF). Standing  bi-lateral  ankle
plantarflexion was used to normalize medial and
lateral gastrocnemius (MG & LG). The highest
500ms running average of EMG for each muscle
was used for normalization.

The average quadriceps activation (avgQUAD) and
average co-contraction indices (avgCClI) were used
as active stability measures for their potential to
stabilize the knee joint during gait. avgQUAD was
found by calculating the mean of RF, VM, and VL
muscle activity and avgCCls were calculated using
Equation 1 [4] for the following antagonist muscle
pairs: quadriceps and hamstring (QH); quadriceps
and gastrocnemii (QG); VM and SM (MQH); VL
and BF (LQH); VM and MG (MQG); and LV and
LG (LQG).

lower EMG;
higher EMG;

avgCCl = ;Z‘,;‘:l( X (lower EMG; + higher EMGi))
Equation 1. Average co-contraction index
(avgCCl) was calculated using the relatively lower
and higher EMG signals for antagonistic muscles.



avgQUAD and avgCCls were calculated over the
weight acceptance phase of gait (WA), which was
defined as the time period from initial heel contact
to peak knee flexion. Four trials of gait were used to
calculate ensemble averages for the muscle
activations during WA. Selected muscle activation
values from specific participants were dropped from
further analysis due to poor signal quality, so the
number of participants used are shown in Table 1.

Passive varus-valgus knee laxity was measured
intra-operatively using a custom navigation system
and knee stability device [5] in the osteoarthritic
knee before TKA. Laxity was calculated as the
difference in varus-valgus knee angle when the knee
was loaded with 10 Nm of varus and valgus
moment, respectively. Each participant’s overall
varus-valgus laxity was the average value found
during three trials in the operating room.

Non-parametric statistics were chosen after an
initial inspection of the data revealed 4 of the 7
EMG variables were not normally distributed
(Anderson-Darling test; p<0.05). Spearman’s rank
order correlations were calculated for varus-valgus
laxity and EMG variables of interest. A p-value
<0.05 was used to indicate statistical significance.

RESULTS AND DISCUSSION

No association was observed between passive
varus-valgus laxity and any active stability measure
during the WA phase of gait. The distribution of
passive varus-valgus laxity, avgQUAD activation
and avgCCls are reported in Table 1.

Quadriceps force can create a moment to counteract
varus-valgus rotation, as a result of the bicondylar
nature of the knee joint and attachment point of the
quadriceps on the tibia; however this was not
related to varus-valgus laxity in this cohort. While
no CCI was related to laxity, LQH was significantly
larger than MQH (Mann-Whitney U test, p=0.005).
This may be a neuromuscular strategy to stabilize
the adduction moment during weight acceptance,
and prevent the lateral side of the femur from lifting
off the tibia [3].
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Table 1. Variables of interest and Spearman's rank
order correlation to varus-valgus laxity

N Mean £ SD / ho P-
Median [IQR] value

VV Laxity, ° 22 47+24 1 n/a

avgQUAD, % | 22 90.4 [46.3] | -0.171 | 0.446

QH avgCCl 19 1.15[0.65] | 0.070 | 0.775

QG avgCCl 21 0.26 [0.28] | -0.136 | 0.556

MQH avgCCl | 22 0.57[0.61] | 0.067 | 0.786

LQH avgCCl | 19 1.51[0.74] | 0.103 | 0.647

MQG avgCCl | 22 0.24[0.22] | -0.094 | 0.687

LQGavgCCl |21 0.30 [0.36] | -0.132 | 0.559

Footnotes: Interquartile range (IQR); varus-valgus
(VV); average (avg); co-contraction index (CCI);
quadriceps/hamstrings (QH); quadriceps/gastrocnemii
(QG); medial (M); lateral (L).

CONCLUSIONS

The primary purpose of this study was to identify
the relationship between passive knee laxity and
contributors to active knee stability in participants
with severe OA. Contrary to our hypothesis, we
found no associations between passive varus-valgus
laxity and average quadriceps activity or any of the
co-contraction indices during gait. Stability of the
knee joint necessitates a complex control strategy;
further study is needed to understand the
contributions of passive and active structures in
osteoarthritic populations.
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INTRODUCTION

Series elastic elements (SEE) (e.g., tendon and
aponeurosis) are critical for efficient contractions
during cyclic, steady locomotion tasks (e.g.,
walking, hopping, running), as they can store and
return significant mechanical energy, reducing
mechanical work required by muscle (CE) [1]. In
many clinical conditions, the SEE stiffness is
altered, becoming either more or less stiff [2]. In
addition, the SEE of muscle-tendon units (MTU)
tend to get relatively longer when moving from
proximal to distal lower-limb joints. The goal of this
study was to examine how changes in MTU
architecture via altered SEE stiffness impact the
‘tuned’ interaction between CE and SEE during
cyclic locomotion. We hypothesized that there
would be an optimal, intermediate SEE stiffness
that generated high MTU forces, isometric strut-like
CE behavior, and facilitated large amounts of elastic
energy storage and return in the SEE (i.e., ‘tuned’
MTU dynamics).

Figure I:

. — Pt
10-100% Stim @ 1-4 Hz
Duty = 10%

Figure 1. Lumped ankle plantarflexor MTU model

METHODS

We employed a MTU model containing a muscle
contractile element (CE) with a parallel elastic
element (PEE) and a series elastic element (SEE)
that acted in opposition to a point mass
experiencing  constant  gravitational  forces,
simulating MTU dynamics of the lumped ankle
plantarflexors during cyclic contractions [3] (Fig.
1). Force was generated in the modeled CE by a
Hill-type muscle with classic force-length and —
velocity relationships, with stimulation modeled as
a square wave pulse with a duty of 10% relative to
the cycle period. The PEE and SEE followed non-
linear force-displacement relationships taken from
recent literature, and the SEE compliance was
parametrized by specifying the stiffness, kseg, in the
linear region. To address the role of SEE stiffness
on MTU interaction dynamics we compared MTUs
with ksge In a compliant (=60kN/m), baseline
(=180kN/m) and stiff (=540kN/m) setting. Then we
performed two simulation protocols on each case:
(1) a ‘passive pluck’ of the modeled MTU where
the passive components oscillated against the load
(i.,e. no stimulation, to establish the natural
frequency) and (2) a dynamic contraction, where the
MTU was actively driven with neural stimulus at
the passive natural frequency from baseline
condition (=~2.2Hz) and 10% duty factor. Finally,
to address the hypothesis, we extracted and
compared force, length change and mechanical
power dynamics of the MTU, CE and SEE from
each simulation case.

RESULTS
The passive resonant frequencies, wp, computed

of vertical hopping. A bodymass in gravity with fixed
mechanical advantage (Lin/Lout) Simulates ankle MTU
dynamics during cyclic contractions. Simulations were
performed with series elastic stiffness, ksge at baseline
(180kN/m), ksge/3 (54kN/m) and ksge*3 (540kN/m).

based on a period of oscillation from ‘passive
plUCkS’ for kSEE/3, kSEE, and kSEE*3 were 1.64, 2.20,
and 2.36 Hz, respectively. Results from the dynamic
contractions driven at wprive = 2.2Hz and 10% duty
(i.e., stimulation period = 450ms; duration=45ms)



demonstrated that in the compliant ksge/3 condition
(i.e., wprive > o) (Fig. 2, left), the MTU produced
less force, underwent more excursion at lower
velocity, and produced less mechanical power than
the baseline ksge condition (Fig. 2, middle). With a
compliant SEE, the CE underwent significant length
changes, shortening in the first half of the
contraction and performed more mechanical work
than baseline. In the stiff ksge*3 condition (i.e.,
wprive < @) (Fig. 2, right) the MTU produced
similar force but at higher rate and with more
passive contribution, underwent less excursion at
lower velocity and produced less mechanical power
than baseline. With a stiff SEE, the CE underwent
significant length changes, lengthening in the first
half of the contraction and performed more
mechanical work than baseline.

CONCLUSIONS

These results strongly support our hypothesis that
there is a ‘sweet spot” in SEE stiffness that leads to
‘tuned” MTU interaction with high forces and the
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majority of the MTU mechanical power cycled in
elastic tissues. If the SEE is too compliant, the CE
undergoes internal shortening, performs significant
mechanical work suffers reduced force production
force output suffers due to force-length relationship
of muscle. If the SEE is too stiff, the CE is passively
stretched, and can produces high forces at high rate,
but at dangerously long lengths. These results
suggest an underlying fundamental principle; that
for optimal function, neural drive of an MTU should
match its architecture such that it is driven near its
passive natural frequency.
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Figure 2. Simulated ankle plantarflexor contraction dynamics for MTUs of varying compliance in
steady locomotion cycles. Force, length change, velocity and mechanical power (top to bottom) for MTU
(green), CE (red) and SEE (blue) during contraction cycles with ksgg going from compliant
(ksee/3=60kN/m) to baseline (ksee=180kN/m) to stiff (ksge=540kN/m) (left to right). Baseline shows
optimal ‘tuning’ for efficient contractions dominated by elastic energy storage and return in SEE.
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INTRODUCTION

The velopharyngeal (VP) mechanism is a complex
deformable system consisting of several muscles
and complicated soft tissue geometry within the soft
palate. Understanding the mechanics of this system
is essential for developing effective treatments for
speech disorders and improving surgeries for cleft
palate patients. However, the mechanics of the soft
palate are complex. Several muscles interact with
one another to move the soft palate during speech,
and the physics of the interactions between these
muscles are poorly understood. The goal of this
work is to develop a multi-muscle model of the soft
palate and use model to examine how the various
muscles of the soft palate contribute to the
movement of the soft palate during speech.

METHODS

We created a 3D finite element model of the VP
mechanism based on MRI scans of a 20-year-old
Japanese male subject with normal VP anatomy.
The model components included the soft palate, the
posterior pharyngeal wall (PPW), the levator veli
palatini muscle (L), the musculus uvulae (U), and
the palatopharyngeus muscle (P) (Figure 1).

Simulations were based on the muscle and soft
tissue mechanical properties from the literature
[1,2]. The soft tissue was modeled as an isotropic,
hyperelastic Mooney-Rivlin material with elastic
modulus of 25kPa and muscle was modeled as a
transversely isotropic material. Muscle fiber
trajectories for the muscle material were determined
using computational fluid dynamics [3]. We used
Sefea™ (Strain-Enriched FEA, AMPS
Technologies) finite element solver with explicit
strain energy function specification and automatic
meshing of 4-node enhanced tetrahedral elements to

run the simulations [4]. In these half-symmetry
simulations, we activated all combinations of the
three simulated palate muscles. We measured soft
palate elevation, closure force, and contact length
(Figure 2a) for each combination at muscle
activation levels ranging from inactive to fully
active, smoothing the variables to remove numerical
noise.

3D finite-element model

b Levator veli
palatini (L)

MR images

Soft palate
Posterior
pharyngeal

wall (PPW)
Musculus

uvulae (U)

Palatopharyngeus (P)

Figure 1: We used MR images to create a 3D finite-
element model of the velopharyngeal mechanism
with three muscles (cyan).

RESULTS

The different combinations of muscle activations
show markedly different deformations (Figure 2b).
Deformations in dynamic speech MRI data [5]
compared favorably with model deformations for L
activation (Figure 2c). L and LU activation reached
similar soft palate elevations as the MRI data
(Figure 2d). Experimental speech data for closure
force [6] compared most favorably with L and LU
activation (Figure 2d). L, LU, LP, and LUP
activation combinations were able to produce
contact length ranges measured in a previous MRI
study [7] (Figure 2d).

DISCUSSION
The different deformations created by muscle

activations show both synergistic and antagonistic
actions. For example, L and P synergize to retract



the velum towards the PPW. However, their effects
on soft palate elevation are antagonistic. Proper
action of L (the largest palate muscle) is necessary
but not sufficient to reproduce data comparing
favorably with experimental data in normal speech
(Figure 2d). These deformation patterns and future
modeling studies will help in surgical planning for
cleft palate patients (where the musculature must be
surgically reconstructed) and aid in clinical
assessment of dysfunctional motor control during
speech. More broadly, these simulations
demonstrate  the  applicability of  muscle
biomechanical analysis to studies of speech
function.

(a) Simulation variables

Closure force
between PPW
and soft palate

(b) Muscle activation combinations

Muscles
atrest

(c) Deformation comparison
with dynamic MRl data B L

Soft palate at rest

U P
M
% 05 1Py
Muscle activation
30,
Inouye et al. 2013 MRI data
LP i. l l LUPi.
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Figure 2: (a) Measured simulation variables. (b) Different muscle activations produced markedly different
deformations. Red muscles are active; cyan muscle are inactive. (¢) Deformations in dynamic MRI data [1]
compared favorably with model deformations for L activation (d) Activation of L is necessary for the model
data to compare favorably with experimental values, highlighting the importance of its proper reconstruction in

cleft palate repair.
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INTRODUCTION

Skeletal muscle has an extraordinary ability to
regenerate and recover from injury. After the initial
insult (such as a contusion, toxin, laceration,
contraction-induced injury, etc.), muscle tissue
regenerates through a sterile inflammatory response
[1]. This response involves the spatially dynamic
recruitment and activation of numerous cells,
including neutrophils, macrophages, satellite stem
cells, muscle fibers, and fibroblasts [1]. The timing
and magnitude of response is dependent on the type
and severity of injury. For instance, muscle
regeneration and speed of recovery is different
between a single lengthening contraction with large
strain vs. multiple contractions with a small strain
[2]. Additionally, the timing of recruitment of
inflammatory cells have been shown to be
dependent the number of muscle contractions.

In this study, we wish to probe the differences in the
inflammation and muscle regeneration responses
across varying levels of strain-induced injury. We
have developed a novel multi-scale modeling
platform that couples micromechanical finite
element modeling with cellular level agent-based
modeling in order to explore injury-related
inflammation and muscle regeneration.

METHODS

The flow of our modeling framework can be
summarized in six steps. Step 1: we utilized an
agent-based model to create a cross-section of a
muscle fascicle (muscle fibers and ECM) [3]. Step
2: we created a micromechanical model reflecting
the same cross-sectional geometry [4, 5]. Step 3:
we applied boundary conditions to the
micromechanical model based on a macro-scale
simulation of an eccentric contraction (similar to
[5]). Step 4: the predicted strains were mapped
onto our agent based model. Areas of strain above a
threshold of 15% were considered damaged and

simulated as necrotic tissue. Step 5: we simulated
inflammation and regeneration at the cellular level
using our agent based model. In agent based
modeling (ABM), agents are given rules or
behaviors to follow. In our model, each cell was
considered an agent. Over 50 rules were defined in
the ABM, many of which are stochastic in nature.
A subsample of these rules is provided in Table 1.
We tracked the interactions between and among
satellite stem cells, neutrophils, pro- and anti-
inflammatory macrophages (labeled M1 and M2 in
Table 1 and Fig 1), muscle fibers, and fibroblasts.
Our primary output focused on inflammatory cell
populations through 10 days of regeneration.

RESULTS

The simulations were able to generate inflammation
responses similar to published literature [1,6]. In
particular, the timing and peak populations of the
simulated neutrophils and M1 macrophages were
generally consistent with muscle injury studies
[1,6]. However, muscle injuries often result in a M2
macrophage population peak around day 4-7, and
ours peaked around day 3. However, the predicted
M2 population remained elevated for the entire 10-
day simulation period, which has been seen in the
literature [1,6].

DISCUSSION

The presented results illustrate the potential of
predicting the inflammatory and regenerative
response from injury. While our current data
includes one strain profile and threshold of damage,
which resulted in ~20% damage, future work will
include predicting the response from low, medium,
and high levels of strain. We wish to explore
changes in inflammation and recovery from
different damage profiles, something that has been
seen previously [2]. Furthermore, the model has
application to prediction of the behavior of many
cell types and muscle fiber metrics that are also
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Figure 1: Multiscale computational model simulates how changes in strain affect dynamic muscle remodeling
and inflammation. (From left) Screen shot of a simulated muscle fascicle cross-section showing how the
micromechanical finite element model predicts shear stress throughout the muscle cross-section. A strain profile
was outputted to the agent-based model (middle); where strain levels exceeding a threshold proscribed the
locations of muscle fiber damage. Muscle fibers that are damaged become necrotic and produce damage-related
proteins that invoke inflammation in the model. Populations of different inflammatory cells are tracked over the
course of 10 days (right).

Table 1. Example rules implemented in the ABM

Behavior Rule
Fibroblast secretion of IGF-1 as function of strain 8.8x107° pg/cell/hr
Fibroblast apoptosis in response to TNF-alpha, where If 0.2 < TNF <20 ng/ml: apoptosis rate = baseline apoptosis rate +
baseline apoptosis rate equals one cell every 15 days (2.5 * (log TNF-alpha) + 2.75) * 100 - 100

dCSAzdt = pS - D * CSA
Change in muscle fiber cross-sectional area as a function of

protein synthesis and degradation. BS : protein synthesis coefficient (um2/hr)

BD protein degradation coefficient (1/hr).
CSA: Cross sectional area
Neutrophils apoptose after phagocytosis of necrotic tissue, | Neutrophil:
and each phagocytosis event makes it more likely to If random 3 + 3 <= # of phagocytosis events then become
apoptose apoptotic
Macrophages switch phenotype when they engulf apoptotic | M1 Macrophage:
neutrophils: if a macrophage engulfs 2 apoptotic neutrophils | |f random (6 - # of neutrophils engulfed) < 1 then become M2
it has a chance of polarizing from M1 to M2. Macrophage
Activated satellite cells sense growth factor and secrete If Hepatic Growth Factor > 10 ng/ml then satellite cells produce
chemokines that attract macrophages. MCP-1 at a rate of 0.15 ng/hr/cell
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INTRODUCTION

Many factors contribute to the resultant forces in the
anterior cruciate ligament (ACL). Rapid generation
of ACL force has the capability to induce ruptures
that can lead to significant osteoarthritis and
reduction in sport activity. Substantial research has
contributed to understanding the effects of subject-
specific geometry and its relation to force
propagation in the ACL. Important geometric
parameters of the knee joint include the Q-angle,
and coronal, lateral, and medial tibial slopes. The
goal of this study was to evaluate the effect of
patient-specific Q-angles and coronal/lateral/medial
tibial slopes on ACL force during flexion through
the use of subject specific validated finite element
models of the knee joint.

METHODS

MRI and CT images were obtained from three
subjects with no history of knee injury. The Q-
angle, and coronal, lateral, and medial tibial slopes
were calculated using ImageJ (NIH, Bethesda,
Maryland) and Mimics v15.0 (Materialise, Leuven,
Belgium). Q-angle was calculated by the angle
formed by the intersection of the center of the
patella, the center of the femoral shaft, and the
center of the tibial tuberosity [1]. The tibial slope
was determined by identifying the outer-most points
of the lateral and medial sides of the tibial plateau,
and bisecting that line with a line generated from
multiple points along the center of the tibial shaft
[2]. Subject-specific finite element models were
developed from three sets of MRI and CT images.
3D geometries of hard and soft tissues were
digitized using Mimics v15.0 (Materialise, Leuven,
Belgium). Geometries were converted into solid 8-
node hexahedral elements for the patella, ligaments
(ACL, MCL, LCL, and PCL), and menisci. The
geometries of the femur, fibula, and tibia were
constructed with an outer layer of wedge C3D6

elements for cortical bone and tetrahedral C3D4
elements for cancellous bone. Cartilage utilized
tetrahedral C3D4 elements. Meshes were imported
into ABAQUS 6.11-2 (SIMULIA, Providence, RI,
USA). Capsules, muscles, tendons, and remaining
ligaments were simulated using uniaxial truss
elements.

Figure 1 — ABAQUS Knee Joint Model

The material properties of the ACL, PCL, and MCL
were modeled with hyper-elastic properties.
Material properties of all other tissues were
modeled as linear elastic with different moduli
assigned to the corresponding tissue. The femur,
fibula, and tibia were defined as non-deformable
rigid bodies. AIll uniaxial truss elements were
defined as incompressible. The resultant models
were validated against cadaveric testing on 18 fresh
frozen legs undertaken at our lab [3]. Model
validation was achieved by subjecting cadaveric
specimens to loading conditions to simulate tibial
rotation, anterior shear, and valgus/varus moments
during knee flexion. Simulations consisted of a
100N anterior shear force in static loading
conditions at 0, 10, 20, and 30 degrees of flexion.



RESULTS

Geometric Angle (Deg) MODEL 1 |[MODEL 2 |MODEL 3
Coronal Tibial Slope 1.41 5.03 4.76
Lateral Tibial Slope 5.18 5.62 4.10
Medial Tibial Slope 0.85 1.22 1.60
Q-Angle 18.99 14.27 18.00

Table 1 — Q-Angle and tibial slope comparison between models

The Q-Angle ranged from14.3 to 19.0 degrees and
the range of the slopes for the three models are
listed in Table 1.
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Figure 2 — ACL force prediction as a function of flexion angle as compared
with ex-vivo data [3].

ACL force varied amongst the three models, as
shown in Figure 2. Model 3 demonstrated a 25%
increase in force at lower flexion angles (i.e., 10
degrees of flexion).
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DISCUSSION

As supported by these preliminary results,
variability in model-specific geometric factors and
relative positioning (knee joint flexion angle)
contribute to ACL force. Tibial geometry (coronal,
lateral, and medial tibial slope) and Q-angle
contributed to up to a 25% change in ACL force in
the 0-10 degree flexion range. Variability in
geometry has been previously implicated in changes
of joint kinematics and kinetics. This study provides
a solid framework upon which to build future
studies with sensitivity analysis, greater sample
sizes, and more comprehensive geometric and
kinematic variability.
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EFFECT OF DEEP MEDIAL COLLATERAL LIGAMENTS ON MENISCUS MOTION
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INTRODUCTION

The extent of meniscus motion on the tibia plateau
and the role of peripheral attachments in limiting
this motion are not completely understood.
Anatomical studies of the deep medial collateral
ligament (dMCL) have separated it into two
functional units, the meniscofemoral and
meniscotibial divisions, with stout attachments to
the meniscus described [1]. But, based on their
cadaver study, Stein et. al. concluded that the
medial collateral ligament did not affect the stability
of the medial meniscus [2]. In the current study,
subject specific computational models coupled with
subject specific leg motion are used to predict
meniscus excursion on the tibial plateau. The effect
of the dMCL meniscal attachments on medial
meniscus motion is also explored.

METHODS

Two adult females (Subject 1: age 20 years, height
159.5 cm, mass 59.0 kg, Subject 2: age 29 years,
height 170 cm, mass 70.3 kg) free of any lower
extremity problems participated in this study after
providing written informed consent approved by the
institution’s human subjects review board.
Magnetic resonance images (MRI) were acquired of
each subject’s right leg and the images converted to
geometries of bone, cartilage and menisci. Ligament
insertions and origins were also determined. Leg
motion during passive movement of the knee (laxity
test) was recorded using a VICON motion capture
system. During these laxity tests, an orthopaedic
surgeon manipulated the knee of each subject
through its complete range of flexion-extension,
abduction-adduction and internal-external rotations
while taking care to minimize any applied forces.

Computational models were developed in the
multibody dynamic analysis program ADAMS
(MSC Software Corporation, Santa Ana, CA).

Figure 1: Medial and lateral view of subject 2
multibody knee model.

Deformable contacts were defined between tibial
and femoral cartilages. The ligaments were attached
to the bones according to the identified origin and
insertion sites. The anterior cruciate ligament and
posterior cruciate ligament were both separated into
two bundles. The lateral collateral ligament was
separated into three bundles and the medial
collateral ligament was separated into five bundles,
three superficial (sMCL) and two deep bundles
(dMCL). The three bundles of the sSMCL wrapped
around the tibia. Each ligament bundle was modeled
as a tension only nonlinear spring using a piecewise
function that described its force-length relationship
[3]. The menisci were modeled as previously
described [4]. Briefly, the menisci geometries were
sectioned into multiple wedge shaped rigid bodies
connected by 6 x 6 stiffness matrices. The medial
and lateral menisci were sectioned at 10° intervals
radiating from the geometric center of each
meniscus. For the two subjects, the medial meniscus
was divided into 20 rigid bodies and the lateral
meniscus was divided into 25 rigid bodies. Mass
properties were assigned to each meniscus element
based on its volume and a density of 1,100 kg/m”.
Deformable contacts were defined between each
meniscus element and tibial cartilage and femoral
cartilage geometries. The menisci were connected



to the tibia via four horn attachments and the
anterior intermeniscal ligament was also included.
The two bundles of the dMCL were connected to
the medial menisci via three-axis springs.

Localizers that appeared in both the MRI and
motion capture system were worn by each subject
and used to place the knee model relative to the
motion capture markers. Motion constraints that
followed motion capture marker trajectories were
used in the initial simulation. The motion
constraints were connected to the femur and tibia
via three-axis springs. These initial laxity
simulations were used for fine adjustment of the
femur and tibia position and to determine the zero-
load lengths of each ligament bundle.  After
adjustments, relative motion between the tibia and
femur using Grood and Suntay [5] local coordinates
was recorded during simulation. For the final laxity
simulations, the femur was held fixed and the
recorded tibia motion was applied to the bone
through a 6-axis spring. The laxity simulations
included multiple flexion-extension cycles ranging
from 0 to 140°. Additional simulations included
internal-external knee rotation (range of 40°) added
to the laxity motion and simulations with the dMCL
attachments to the menisci removed.

RESULTS AND DISCUSSION

During the laxity simulation both knees exhibited
the screw home mechanism, rotating externally
from 25° flexion to full extension. In addition, the
max force required to move the tibia through the
laxity motion was less than 30 N for both knees and
maximum torque less than 0.7 N-m. Anterior-
posterior menisci excursion on the tibia plateau
during laxity simulations are provided in Table 1.
The medial and lateral menisci translated
posteriorly with flexion. Lateral excursion is greater
than medial excursion for both knees and the
excursion distance is within that measured by Yao
et. al. during passive extension and flexion (lateral
meniscus 8.2 + 3.2 mm, medial meniscus 3.3 £ 1.5
mm, n=10) [6]. For the laxity simulations with
added internal-external rotation, the excursion
distance increased for both the lateral and medial
menisci (Table 2). Removing the dMCL meniscal
attachments increased anterior-posterior excursion
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of the medial meniscus. Additionally, the increase
in motion occurred during internal rotation (Fig. 1).

Table 1: Anterior-posterior excursion of the
middle meniscus element during laxity simulation.

Laxity
Lateral Medial
Sub 1 6.9 mm 4.2 mm
Sub 2 9.8 mm 3.5 mm

Table 2: Anterior-posterior excursion of the
middle meniscus element during the laxity with
internal-external rotation simulation.

Laxity with Internal External Knee Rotation
Medial Medial
Lateral | dMCL intact | dMCL transected
Sub1 | 11.2 mm 8.5 mm 14.4 mm
Sub2 | 16.4 mm 7.5 mm 14.1 mm
. [ e

Distance (mm)

-15.0 -10.0
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Figure 2: Anterior-posterior excursion versus
internal-external knee rotation for dMCL intact
and dMCL transected models.

REFERENCES

1. Laprade RF, et al., J Orthop Sports Phys Ther, 2012.
42(3): p. 221-33.

2. Stein G., et al., Surg Radiol Anat, 2011. 33(9): p. 763-6.

3. Guess TM, et al., ] Biomech Eng, 2014. 136(2): p.
021032-021032-9.

4. Guess TM, et al., Med Eng Phys, 2010. 32(5): p. 505-15.

5. Grood ES, et al., J Biomech Eng, 1983. 105(2): p. 136-44.

6. Yao,J., etal., J Orthop Res, 2008. 26(5): p. 673-84.



Back to ToC

MUSCLE ARCHITECTURE ANALYSIS USING COMPUTATIONAL FLUID DYNAMICS
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INTRODUCTION

The trajectories of skeletal muscle fascicles are
critical to their function, and many skeletal muscles
across the body have fascicles with highly complex
trajectories. Architectural descriptions of muscles
account for fascicle trajectories by reporting
parameters such as fascicle length, physiological
cross-sectional area, and pennation angle. These
parameters are typically reported as constants [1],
yet it has been shown that some muscles have large
distributions of these parameters [2]. Cadaveric
studies of muscle architecture can be time-
consuming and do not represent young healthy or
patient-specific populations, and MRI diffusion
tensor imaging (DTI) studies of muscle architecture
can suffer from noisy data acquisition [3]. We
present a method to calculate architecture
parameters from arbitrarily complex muscles
automatically using computational fluid dynamics
(CFD). This method can be used to map and
examine the three-dimensional architecture of a
given muscle, and it can also be used as input to 3D
finite-element models of muscle [4].

METHODS

Our method of generating fascicle trajectories using
CFD analysis consists of three key steps. Step 1 is
to create an image-based solid model of the muscle
in Autodesk Inventor® (Autodesk Inc.). Step 2 is to
export the solid model to Autodesk Simulation
CFD® (Autodesk Inc.) and set up the simulation.
We set the inlet pressure to 1Pa and the outlet
pressure to OPa at the regions of fascicle origin and
termination. The other surfaces are set to slip
boundary conditions (Figure 1a). The fluid is set to
be incompressible with a viscosity of 1Pa-s and
density of lg/ecm’. This resulted in very low
Reynolds numbers (<1) and good convergence.

Incompressible, laminar, viscous, and steady-state
flow are prescribed. These conditions along with the
boundary conditions help satisfy the observations
about fascicle trajectories in muscle [3]: i) they are
coaxially aligned and do not cross each other
(viscous flow) i) they do not branch
(incompressible flow) iii) they will not reverse their
directions abruptly (laminar flow) and iv) they must
connect between attachment points (boundary
conditions).

Step 3 is to export the flow direction vectors from
the CFD mesh into Matlab (Mathworks Inc.) to
perform fascicle and pennation angle analysis. The
fascicles are traced and their length distributions are
computed (Figure 1b). In addition, pennation angle
distributions are calculated using a tendon vector
specification from the distal tendon, as in [1]
(Figure
Ic).
(a) Computational
fluid dynamics

(b) Fascicle tracing

Image (adapted from [1]) —
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Figure 1: (a) We create image-based models and
use CFD to determine muscle architecture
parameter distributions for (b) fascicle lengths and
(c) pennation angles.
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We performed the process on a 2-D image of the
adductor brevis [1] and a 3-D MRI-based model of
the biceps femoris longhead [5]. We compared the
adductor brevis calculations with a previous cadaver
study [1].

RESULTS

The mean fascicle length for the 2D adductor brevis
model (raw, unadjusted for sarcomere length) was
12.9cm (Figure 2a). This can be compared to the
published raw fascicle length average measurements
of 11.1cm with standard deviation of 1.53cm across
21 cadavers (10.3 £ 1.42cm optimal fascicle length
and 2.91 micron average sarcomere length). The
pennation angle distribution ranged from 0 to 17
degrees, with an average of 6.9 degrees (Figure 2a).
The cadaver study measured 6.1 degrees mean and
3.1 degrees standard deviation averaged across
cadavers.

The CFD solution for the 3D biceps femoris
longhead model computed realistic fascicle
trajectories and enabled automatic calculations of
the fascicle length and 3D pennation angle
distributions (Figure 2b).

DISCUSSION
We have proposed a method using computational

fluid dynamics to automatically compute muscle
architecture parameters and their distributions

(a) Adductor brevis
Image (adapted from [1])

CFD solution
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within the muscle. The method leverages the power
of CFD solvers and also enables efficient fascicle
mapping for finite-element studies of muscle. The
advantages of this method over other methods
include ease of implementation and objective,
efficient calculation of 3D muscle architecture
parameters. Flow guiding surfaces can be
incorporated so that complex observed features such
as twisting or MRI-DTI data can be incorporated.
One limitation of this method is that the fascicles
are measured implicitly from the geometry of the
muscle and not directly measured. However, the
close correlation of the direct cadaver
measurements with our computational
measurements for the adductor brevis provides
preliminary validation of the method. This method
has great potential to enhance and empower in vivo
architecture studies (e.g., using MRI) on arbitrarily
complex muscle geometries.
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INDIVIDUAL DIFFERENCESIN REQUIRED COEFFICIENT OF FRICTION AFFECT SLIP RISK
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INTRODUCTION

Slip and fall accidents are a maor source of
occupational and public hedth injuries. Previous
studies have demonstrated that slipping risk can be
predicted from the difference between the available
coefficient of friction (ACOF) and the required
coefficient of friction (RCOF) using a logistic
regression equation [1]. This logistic regression
eguation predicts that dlipping risk is most sensitive
to RCOF when the RCOF and ACOF are
approximately equal and that increased RCOF is
associated with a higher risk of dipping. Severa
studies have used RCOF as a measure of individual
dip risk [2, 3] under the assumption that subtle
changes in RCOF alter dlipping risk. Surprisingly,
however, the link between individua RCOF and
dlip risk has not been confirmed experimentally.

The purpose of this study is to determine if
individual differences in RCOF are predictive of
dip risk. The shoe-floor-contaminant conditions
were selected such that the shoe-floor ACOF was
approximately equal to RCOF for gait.

METHODS

Thirty healthy and young subjects (13 female, 17
male) between the ages of 20 and 35 years were
recruited to participate. Participants signed
informed consent and the study was approved by
the University of Pittsburgh Internal Review Board.

Each participant performed a series of baseline
walking trials to characterize their RCOF and two
unexpected dlipping trials. Boots with three
different outsole materials were used in this study.
Subjects wore tight-fitting clothing, a safety harness
and reflective markers including one placed on the
heel of the boot to track dlip distance. After being

randomly assigned to an initial pair of boots,
subjects completed between five and eight baseline
walking trials, were unexpectedly slipped, changed
into a different pair of boots with a different outsole
material, completed 10-23 additional baseline
walking trials and then were unexpectedly slipped
again. A 50% glycerol/50% water solution was
applied to a vinyl floor during the unexpected dlips.
The three boots had an identical upper region,
identical tread pattern but different materials. The
three materials included a hard material (Shore A:
85), a moderate hardness material (Shore A: 76) and
a soft material (Shore A: 64). ACOF values were
measured as the ratio of shear forces to normal
forces recorded by a force plate while a dlip tester
applied a normal force of 250 N, a sliding speed of
0.3 m/s and a shoe-floor angle of 7°. ACOF values
for the three shoes were: 0.149 (hard), 0.168
(moderate hardness) and 0.179 (soft).

RCOF was calculated and averaged for the five
baseline walking trials preceding each dlip. The
RCOF was defined as the peak ratio of resultant
shear to normal force for the intervals when the
norma force exceeded 100 N, the ratio was
increasing with time, and the anterior/posterior
force was in the anterior direction [4]. The resultant
diding distance of the heel marker between heel
contact and dlip stop (defined by the first minimum
in dlip velocity after the maximum velocity or when
the foot dliding off of the force plate) was used to
characterize adip. A dlip distance exceeding 10 mm
was considered a dlip, while smaller dlip distance
were considered anon-glip.

ANOVA methods were used to determine if the
boot outsole material, the dlip order or ther
interaction (independent variables) affected the
RCOF (dependent variable). The effect of RCOF on
dipping risk was examined using a logistic

American Society of Biomechanics 39th Annual Meeting
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regression model with dlip outcome as the
dependent variable and RCOF as the prediction
variable.

RESULTSAND DISCUSSION

RCOF did not vary significantly across the different
boot materials or between the first and second dlip.
The interaction between outsole material and dip
order was also not significant. The minimum RCOF
was 0.135, the maximum RCOF was 0.272 and the
mean RCOF was 0.201 (standard deviation: 0.026).
The lack of difference in RCOF across the boots
suggests that the modest change in available COF
across the boots did not have an impact on the
amount of RCOF required for gait. The average
RCOF vaues reported in this study (0.201) was
similar to what has been reported in other studies
for level walking (0.18) [1].

Twenty-nine percent of the trials resulted in a dlip.
Increased RCOF led to an increase in dlipping risk
(p<0.05) (Figure 1). This model suggests that the
risk of dlipping for the subject with the highest
RCOF value (0.272) was 79% whereas the risk of
slipping was just 7% for the subject with the lowest
RCOF value (0.135). The dlip risk for mean RCOF
value (0.201) was 34%. These findings suggest that
RCOF is a valid measure of an individual’s slip risk
and that persons with a high individual RCOF have
an increased risk of slipping whereas individuals
with alow RCOF have areduced risk of dlipping.

The findings of this study confirm the relevance of
previous research that utilized RCOF as an
individual measure of dlip risk [2,3]. This supports
the conclusions from previous research that
quadriceps fatigue increases dlip risk [2] and that
anticipating a slippery surface reduces slipping risk
[3]. Furthermore, the results of this study can be
used as justification for future research studies that
may use RCOF as a measure of dip risk when it is
impractical to unexpectedly slip subjects.

This study is limited in its ability to generalize the
developed dlip risk model. The dlip risk model that
was developed in this study is specific to just the
shoe-floor-contaminant  conditions that were
considered. A different relationship between RCOF
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and dlip risk is expected for other shoe-floor-
contaminant combinations, particularly when the
ACOF is much larger or smaller than the RCOF.
The trend observed in this study (i.e., that dlip risk
increases with RCOF) is expected to be similar in
other studies where ACOF was approximately equal
to RCOF.
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Figure 1. Effect of RCOF on slip outcomes and the
predicted slip risk. Each data point represents the
outcome of an individual dlip. The solid line
represents the logistic regression prediction model.

CONCLUSIONS

This study confirmed that RCOF values have a
significant impact on dipping risk when the
available COF is similar to the RCOF. The RCOF
magnitudes that were observed in this study ranged
from 0.135 to 0.272, which corresponded to a
predicted dlipping risk ranging from 7% to 79%.
Thus, individua differences in RCOF can have a
dramatic impact on their slipping risk.
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FALLS RESULTING FROM A LABORATORY-INDUCED SLIP OCCUR AT A
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INTRODUCTION

Falls due to slipping are a serious occupational
concern. Slipping is estimated to cause 40-50% of
all fall-related injuries [1]. Epidemiological data
suggest that individuals who are older or obese fall
more frequently than younger, non-obese adults [2].
The problem of slip-related falls may be
exacerbated by a high prevalence of obesity and an
aging workforce in the United States. The purpose
of this study was to investigate the effects of obesity
and age on slip severity and fall frequency
following a laboratory-induced slip. Results from
this study can help to identify obesity and/or age as
risk factors for falling from slipping, and may aid in
the development of fall-prevention strategies

METHODS

Seventy-two adults completed the study including:
26 young (18-29 years) non-obese (BMI 17.7-24.9
kg/m?); 25 young obese (BMI 29.1-40.4 kg/m?); 10
older (50-66 years) non-obese (BMI 19.5-26.3
kg/mz); and 11 older obese (BMI 30.1-45.1 kg/mz)
individuals. During each experimental session,
participants wore a harness and walked at a
comfortable, but purposeful, pace along a 10m
walkway. After 10-20 walking trials, a thin layer of
vegetable oil was applied to the surface of a force
platform to induce a slip of the dominant foot.

Positions of selected anatomical landmarks were
sampled at 100 Hz using a six-camera motion
analysis  system (Vicon Motion Systems,
Centennial, CO) and low-pass filtered at 7 Hz
(second-order, zero-phase-lag Butterworth filter).
Ground reaction forces under the slipping foot and
force applied to the harness were sampled at 1000

Hz using a force platform (Bertec Corporation,
Columbus, OH) and a uniaxial load cell (Cooper
Instruments and Systems, Warrenton, VA),
respectively. Both were low-pass filtered at 20 Hz.

Slip outcomes were classified as falls, recoveries, or
harness-assisted based on methods similar to Brady
et al. [3] and Yang and Pai [5]. Gait speed, step
length, and four measures of slip severity (slip
duration, slip distance, peak slip velocity, and mean
slip velocity) were calculated for each slip classified
as either a fall or recovery. Slip severity thresholds,
separating most falls from most recoveries, were
iteratively determined. The effects of obesity and
age group on gait speed and step length were
analyzed using two-way analyses of variance. Slip
severity measures were analyzed using three-way
analyses of covariance, with independent variables
of obesity group, age group, and gender, and with
gait speed as a covariate. Slip outcome was
analyzed using a logistic regression model with
independent variables of obesity group, age group,
gender, and gait speed. Statistical analyses were
performed using JMP 10 (SAS Institute Inc., Cary,
NC) with a significance level of p <0.05.

RESULTS AND DISCUSSION

Slip outcome differed between obesity groups
(p=0.005; Table 1) in that 33.3% of obese
participants fell after slipping, while only 8.3% of
non-obese participants fell. The odds ratio for
obesity group indicated that obese participants were
8.24 [95% C.I.: 1.81, 57.10] times more likely to
fall than non-obese participants when adjusting for
age group, gender, and gait speed. Slip outcome did
not differ between age groups (p=0.937) or genders
(p=0.399; Table 1).

American Society of Biomechanics 39th Annual Meeting
Columbus, Ohio August 5-8, 2015



Table 1: Slip outcomes among groups

Harness-
Fall Recovery Assisted Total
Total 15 48 9 72
Obese 12 21 3 36
Non-obese 3 27 6 36
Older 5 12 4 21
Young 10 36 5 51
Male 5 24 4 33
Female 10 24 5 39

Mean slip velocity was 8.3% higher (p=0.022)
among obese participants, but slip duration
(p=0.974), slip distance (p=0.121), and peak slip
velocity (p=0.065) did not differ between obesity
groups (Table 2). Age group did not affect any slip
severity measures. Slip distance (p=0.005), peak
slip velocity (p<0.001), and mean slip velocity
(p<0.001) increased with gait speed, but gait speed
did not affect slip duration (p=0.148). Gait speed
and step length did not differ between obesity
(speed p=0.486, step length p=0.886) or age groups
(speed p=0.245, step length p=0.593; Table 2).

In general, participants who fell experienced more
severe slips. The majority of falls occurred at slip
distances beyond 50 cm, slip durations longer than
0.3 s, peak slip velocities above 2.5 m/s, and mean
slip velocities above 1.0 m/s. More specifically, a
slip distance of 56.5 cm separated 85.4% of
recoveries from 86.7% of falls, a slip duration of
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0.35 s separated 54.2% of recoveries from 86.7% of
falls, a peak slip velocity of 2.57 m/s separated
91.7% of recoveries from 80.0% of falls, and a
mean slip velocity of 1.19 m/s separated 79.2% of
recoveries from 86.7% of falls.

CONCLUSIONS

Laboratory-induced slips resulted in more severe
slips and a higher fall rate among individuals who
are obese. However, no obesity X age interaction
effects were found for slip outcome or slip severity.
These results suggest that the higher fall rates
reported among obese individuals may be due, at
least in part, to a greater rate of falling after slipping
while walking. Slip severity thresholds that
separated the majority of falls from recoveries were
also reported, and may have practical value in the
design of fall-resistant flooring.
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Table 2: Gait and slip severity measures (mean + standard deviation)

Gait Measures

Slip Severity Measures

Gait Speed Step

Slip Duration Slip Distance

Peak Slip Mean Slip

(m/s) Length (m) (s) (cm) Velocity (m/s) Velocity (m/s)
Obese 1.25+0.14 0.70£0.07 042+£027 42.1+£272 1.89 +£0.98 1.05+0.59*
Non-obese  1.31+0.17 0.69+0.13 038+0.24  38.4+239 1.70 £ 0.89 097 +0.61%*
Older 1.32+£0.19 0.70+0.08 032+£0.10 422+255 1.84+0.90 1.16 £ 0.66
Young 1.27+£0.14 0.71 £0.06 036+0.12 40.2+253 1.81+£0.93 0.97 £0.56
Male 1.29+0.16 0.73+£0.06 0.31+0.09 342+234 1.67 £0.90 0.96 £ 0.60
Female 1.27+£0.16 0.69+0.07 038+0.12 46.5+25.6 1.95+0.91 1.08 £0.58

* Significantly different between BMI groups

American Society of Biomechanics 39th Annual Meeting
Columbus, Ohio August 5-8, 2015



Back to ToC

OBESITY INCREASES FALL RATE FOLLOWING A LABORATORY-INDUCED TRIP
! Christina R. Garman,  Maury A. Nussbaum, 2 Michael L. Madigan

1 Virginia Tech, Blacksburg, VA, USA
2 Texas A&M University, College Station, Texas, USA
email: rossic@vt.edu

INTRODUCTION

Tripping accounts for an estimated 53% of falls
among adults aged 65 and older [1]. A common
strategy to prevent a fall after tripping is to step to
extend the base of support anteriorly, and thereby
provide vertical and posterior ground reaction forces
that can help arrest the forward momentum of the
trunk [2]. As such, stepping characteristics and trunk
kinematics are critically important during trip
recovery.

Obese adults exhibit a higher rate of falls than those
who are normal-weight [3], but the reason for this
higher rate is unclear. The purpose of this study was
to investigate: 1) obesity- and age-related differences
in trip recovery, and 2) differences between
successful and failed recoveries. Dependent
variables included measures of fall rate, stepping
characteristics, and trunk kinematics.

METHODS

Participants included 10 young (age 18-30 years)
normal-weight (body mass index, BMI, of 18-24.9
kg/m?) adults, 10 young obese adults (BMI over 30
kg/m? ), 10 older (age 60-70 years) normal-weight
adults, and 10 older obese adults. Participants were
tripped near mid-swing using a 7-cm-high obstacle
while walking at a speed of 1.4-1.6 m/s. Forces
applied to a safety harness were sampled from a load
cell (Cooper Instruments and Systems, Warrenton,
VA ) at 1000 Hz and low-pass filtered at 20 Hz
(eighth-order, zero-phase-shift Butterworth filter).
Kinematic data using a modified Helen Hayes
marker set were collected at 100 Hz with a 6-camera
motion analysis system (MX-T10, Vicon Motion
Systems Inc., L.A, CA) and low-pass filtered at 5 Hz
(8th-order, zero-phase-shift Butterworth filter).

Harness load was used to classify trip recovery
outcome as either a recovery (peak load less than
30% body weight), a harness-assisted recovery (peak
load 30-50% body weight), or a fall (peak load
exceeded 50% of body weight). Trials classified as
harness assisted were removed from further analysis.

Logistic regression analyses were used to investigate
the effects of obesity and age on fall rate and stepping
strategy (elevating or lowering). A three-way
analysis of variance was used to investigate the
effects of obesity, age, and trip recovery outcome on
recovery step time and length, and peak trunk angle
and angular velocity. All statistical analyses were
performed using JMP 10 (SAS Institute Inc., Cary,
NC) with a significance level of p <0.05.

RESULTS AND DISCUSSION

Obesity affected several aspects of trip recovery.
Fall rate was 52% among obese adults and 22%
among normal-weight adults, with an odds ratio
indicating obese adults were 8.79 (C.1.: 4.62, 394.8;
p=0.026) times more likely to fall when adjusting for
age and gender. Stepping strategy (p=0.151),
recovery step time (p=0.499), and recovery step
length (p=0.854) did not differ between obesity
groups. Peak trunk angle was 13 degrees higher
among obese adults (p=0.046) (Figure 1). Peak trunk
angular velocity was affected by an obesity level x
age interaction (p=0.038; Figure 1). Peak trunk
angular velocity was 216 degrees/s higher among
obese older adults compared to normal-weight older
adults (p=0.012), and 245 degree/s higher among
obese older adults compared to obese young adults
(p=0.005).
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Figure 1: Peak trunk angle (top) and peak trunk
angular velocity (bottom) separated by obesity
group, and obesity and age group. Brackets indicate
significant differences between groups. Note:
OB=obese, N-W=normal-weight, Y=young,
O=older.

Comparing dependent variables between falls and
recoveries also revealed several differences. A
lowering strategy was used during 73% of falls and
25% of recoveries with odds ratios indicating users
of a lowering strategy were 8.25 (C.1.: 2.03; 40.18;
p=0.003) times more likely to fall. Recovery step
time and length did not differ between falls and
recoveries (p=0.541 and p=0.758). Peak trunk angle
was 32 degrees higher during falls (p<0.001), and
peak trunk angular velocity was 287 degrees/second
higher during falls (p=0.027).

The higher rate of falls among obese adults may have
resulted from differing trunk kinematics, and three
intrinsic factors associated with obesity could be
responsible for these differences. First, an anterior
shift of the trunk COM among obese adults [4] could
increase the gravitational moment that rotates the
body forward after tripping, Second, greater trunk
mass would increase trunk momentum that needs to
be decelerated through trunk and lower extremity
muscle exertions [5]. Third, reduced relative strength
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among obese adults could reduce the ability to
decelerate trunk momentum.

Although recovery step time and length were not
affected by obesity or trip recovery outcome, the
success of trip recovery was dependent upon the
choice of stepping strategy. Other studies have
reported a higher prevalence of a lowering strategy
among obese adult fallers [6]. For older adults it has
been shown that practicing balance recovery from a
simulated trip improves recovery kinematics
following an actual trip [7]. This training may be
effective in promoting more frequent use of the
elevating strategy during mid-swing trips, and may
help improve the success of trip recovery.

In conclusion, obese adults exhibited a higher fall
rate after tripping. This higher fall rate was not due
to altered stepping characteristics, but appeared to be
related to trunk kinematics. These results suggest the
higher rate of falls among obese adults reported
elsewhere may be due to impaired trip recovery, and
support the use of interventions to improve trip
recovery capability to help prevent falls among obese
adults.
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VIBRATION TRAINING COULD REDUCE RISK OF FALLS AMONG YOUNG ADULTS WITH
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INTRODUCTION

Obesity is a major health concern all over the world.
One of the major concerns related to obesity is that
it leads to increased risk of falls. It has been
reported that individuals with obesity have a higher
likelihood of falls in comparison to their non-obese
counterparts. High risk of falls among individuals
with obesity has been associated with several
factors, such as muscle weakness, postural
instability, and abnormal body mass distribution [1].
As falls are considered the most common cause of
injuries in obese community, it is pressingly needed
to develop an effective training paradigm which can
reduce those aforementioned risk factors of falls.

Though training programs based on weight loss and
strength training have been applied to reduce the
risk of falls among individuals with obesity [2], they
may not be suitable for the entire obese community.
For example, a significant portion of individuals
with obesity is unable or unwilling to comply with
or manage conventional training regimens requiring
high intensity and long duration.  Therefore,
alternative training approaches requiring less
intensive physical activities involved to prevent
falls targeting persons with obesity are highly
demanded.

Controlled whole-body vibration training (CWBV)
has recently emerged as a relatively novel modality
to train older adults to reduce their fall risk [3]. It
has been proven that a short-term (6-10 weeks)
CWBV training course enhances neuromuscular
performance and reduces risk of falls among older
adults [4]. The transmission of mechanical
vibrations and oscillations to the human body can
lead to physiological and neuromuscular changes on
numerous levels [5]. Some common risk factors of
falls shared by older adults and individuals with

obesity suggest that CWBV could be a promising
approach to prevent falls in the stroke community.
However, no study has investigated the potential
effect of CWBV training on reducing falls among
populations with obesity. Therefore, the primary
purpose of this study was to systematically examine
the overall effectiveness and feasibility of CWBV
training in reducing risk of falls among individuals
with obesity. We were particularly interested in
studying the impact of a 6-week CWBYV training on
reducing body fat percentage, improving muscle
strength, and enhancing dynamic gait stability.

METHODS

Five young adults (age: 26.2 £ 9.04 years; body
height: 172.16 £ 4.43 cm; body mass: 100.18 &+ 6.28
kg; 2 females) with obesity were recruited to
participate in this preliminary study. Obesity level
was determined based on both the body mass index
(BMI > 30 kg/m®) and the body fat percentage (>
30%). All subjects gave informed consent for
participating in this study.

This study adopted a pretest-posttest design. All
subjects received CWBYV training 3 days a week for
6 weeks. The training was delivered by a vibration
platform (Orthometrix, NY) in an intermittent way:
each 1-min vibration was followed by a 1-min rest
for 10 minutes when they stood on the platform.
The vibration frequency was 25 Hz and the
amplitude 7.8 mm. Immediately prior to (or pre-
training) and following (or post-training) the 6-
week CWBYV training, each subject was evaluated
for their risk of falls quantified in terms of the
muscle strength, body fat percentage, and dynamic
stability during walking.

Subjects’ knee joint extensor strength capacity was
assessed under isometric condition on the right side
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via an isokinetic dynamometer (Biodex, NY). The
body fat percentage was measured by a bioelectric
impedance analysis (BIA) machine (RJL-101, MI).
To evaluate the dynamic gait stability, each subject
was required to walk on a 12-m walkway at their
preferred gait speed. Their full body kinematics
was collected from 28 retro-reflective markers
placed on the subjects’ body and floors by using an
8-camera motion capture system (Vicon, UK).

The body center of mass (COM) kinematics was
computed using gender-dependent segmental
inertial parameters [6] from the filtered markers
paths. The two components of the COM motion
state, i.e. its position and velocity were calculated
relative to the rear of base of support (i.e. the
leading heel) and normalized by foot length and
\Jgxbh, respectively, where g is the gravitational

acceleration and bh the body height. The timing for
two events in the gait cycle: touchdown (TD) of the
leading foot and liftoff (LO) of the trailing foot, was
identified from feet kinematics. The stability was
calculated at both time instants as the shortest
distance from the COM motion state to the limits of
stability against backward balance loss [7].

Paired t-tests were used to compare all risk factors
between the two evaluation sessions (i.e. pre-
training vs. post-training) in order to determine the
possible effect of the CWBYV training. All statistics
were performed using SPSS 19.0 (IBM, NY), and a
significance level of 0.05 was used.

RESULTS AND DISCUSSION

The 6-week CWBYV training significantly improved
the maximum isometric knee extensor strength
among the obese adults in this study. Specifically,
the maximum knee extensor strength increased to
1.83 +£ 0.23 Nm/kg in the post-training evaluation
from 1.66 + 0.28 Nm/kg in the pre-training
evaluation (p < 0.05). Similarly, the dynamic gait
stability was improved as the result of the vibration
training. In detail, the stability values were 0.61 +
0.02 and 0.32 £+ 0.06 respectively for TD and LO
before the training. The stability at TD and LO
became 0.70 = 0.05 (p < 0.01) and 0.40 £ 0.03 (p <
0.05), respectively post the training.

Back to ToC

Interestingly, the body fat percentage did not show
difference between two evaluations (37.45 + 7.40 vs
37.45 £ 7.65, p > 0.05). One explanation for this
could be that the 6-week CWBYV training actually
does not affect body composition. Alternatively,
the small sample size or the accuracy level of the
BIA machine employed in this study could also
contribute to the similar body fat percentage
between tests. The stability examined in this study
was the one against backward falling. Therefore, it
remains unknown how CWBYV training affect the
stability against balance loss in other directions.
These warrant our further investigation.

CONCLUSIONS

A 6-week CWBV training course can increase
muscle strength and improve dynamic gait stability
control among young obese adults. As these two
factors closely relate to falls, CWBYV training could
serve as a promising training method to reduce fall
risk among individuals with obesity. However, it
may not change the body composition at least in the
sample studied in this experiment. Still, the finding
from this study sheds light on the feasibility of
applying CWBYV training to reduce falls among
individuals with obesity.
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AN EVALUATION OF FALL BIOMECHANICS THAT MAY UNDERLIE THE INCIDENCE OF
WRIST AND HIP FRACTURES IN OLDER ADULT WOMEN
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INTRODUCTION

After the age of 75 years (yrs), the incidence of
wrist fractures in women declines [1], while the
incidence of hip fracture begins to rise [2].
Differences in fall biomechanics with aging have
been hypothesized to account for these concurrent
trends. Possible fall biomechanics proposed include:

MI1. An age-related inhibition of protective arm
movements during a fall that results in less
impact to the hand/wrist, in turn reducing the
risk of wrist fracture, but increasing the risk
of hip fracture.

M2. An interaction between age and direction-
specific fall risk that predisposes the oldest
women to more posterior and lateral falls, but
fewer anterior falls. This interaction likely
reduces the incidence of wrist fracture and
increases the risk of hip fracture [3].

The purpose of this study was to evaluate fall
biomechanics in women age >65 yrs through 1)
laboratory assessments of fall recovery and ii) the
prospective tracking of falls over 1 yr in the free-
living environment. We compared women age 65-
75 yrs to women age >75 yrs given the dramatically
altered incidences in fractures at the wrist and hip
between these age groups [1,2]. We hypothesized
that, based on laboratory assessments, women age
>75 yrs would have diminished protective arm
movements (M1) and would demonstrate recovery
responses that reflect greater risk of falling
posteriorly and laterally (M2). We also
hypothesized that, over 1-yr follow-up, women age
>75 yrs would demonstrate fewer fall impacts to the
hands (M1) and would exhibit a higher incidence of
posterior and lateral falls (M2).

METHODS

We recruited an age-stratified sample of 125
ambulatory, community-dwelling women. There
were 58 women age 65-75 yrs (mean =+ s.d.

age=69.7+3.3 yrs, BMI=28.5+5.3 kg/m?), and 67
women age >75 yrs (age=82.6+4.2  yrs,
BMI=26.2+4.5 kg/m?).

Laboratory Assessments of Fall Recovery

A subset of participants (65-75 yrs: n=49; >75 yrs:
n=50) completed assessments to determine anterior
(AMST) and posterior (PMST) multiple-stepping
thresholds. These thresholds were determined using
a progressive series of treadmill-induced postural
disturbances that induced anterior or posterior falls
[4]. Participants were asked to recover balance with
a single step, and thresholds represent the
disturbance magnitudes that elicited more than one
step or a fall into a safety harness over the course of
four attempts. AMST, PMST, and the ratio of the
two thresholds (AMST/PMST) were evaluated to
determine direction-specific fall risk (M2).

The  stepping-threshold assessment of 67
participants (65-75 yrs: n=32; >75 yrs: n=35) were
recorded with motion capture technology. For failed
attempts to recover in a single step, the following
variables were calculated:

e The largest anterior (AMST) or posterior (PMST)
distance (Owrist-pelvis) between a wrist marker and
the pelvic center 500 ms after the disturbance
onset (M1). Positive values indicate a wrist
positioned in the direction of the fall relative to
the pelvis.

e The lateral distance between the whole-body
center of mass (COM) and the stepping-foot toe
(AMST) or heel (PMST) marker at foot contact
[5,6]. (M2)

Free-Living Environment Assessments of Fall Risk
Falls were recorded by all participants using
semimonthly questionnaires. The questionnaires
included fall orientation and anatomical figures in
order to ascertain, respectively, the direction of the
fall (M2) and impact locations (M1).
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RESULTS AND DISCUSSION

Laboratory Assessments of Fall Recovery

The older group demonstrated smaller protective
arm movements compared to the younger group
when falling anteriorly (p=0.003), but not
posteriorly (Table 1). We did note that 25% of
younger participants demonstrated negative Cwrist-
pelvis during a posterior fall, which may reflect a
strategy aimed at fall recovery, not impact
preparation [7]. In contrast, only 6% of older
participants demonstrated negative
Negative dwristpeivis values were not observed in
either group for anterior falls.

dwrist-pelvis.

The ability to recover from anterior and posterior
falls, as quantified by multiple-stepping thresholds,
was impaired with older age (Table 1). Group
differences in AMST/PMST ratio approached
significance (p = 0.058, effect size = 0.52). A post-
hoc linear regression analysis determined a
significant relationship between age and this ratio
(AMST/PMST = 0.849 + 0.013-age, p=0.01). Such
results suggest that older age impairs posterior fall-
recovery more than anterior fall-recovery.

In response to an anterior fall, the lateral distance
between the COM and stepping-foot toe was wider
for the >75 yr group (p=0.03) (Table 1). This
finding suggests that, with advanced age, anterior
fall-recovery mechanics are altered in a way that
may increase lateral fall risk. This effect of age was
not observed during posterior falls.

Free-Living Environment Assessments of Fall Risk
There was a trend for women age >75 yrs to be
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p=0.25) (Table 1). For those individuals who
experienced a fall, older age did not decrease the
odds of having an impact to the hand (OR [95% CI]
= 0.83 [0.36-1.93]). Furthermore, older age did not
increase the odds of having a hip impact with no
impact to the hand (OR = 1.13 [0.47-2.73]).

CONCLUSIONS

These results suggest that, in response to an anterior
fall, a reduction in protective arm movements in
older women may explain a late-age decline in wrist
fractures (M1). Furthermore, late age may involve a
change in anterior fall recovery that predisposes
women to a lateral fall, in turn increasing the risk of
hip fracture (M2). An apparent age-related
impairment of posterior fall-recovery and an
increase in posterior fall incidence may also
increase the risk of hip fracture with older age (M2).
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Table 1: Fall recovery and mechanics.
Variable Age 65-75yrs | Age > 75yrs | Significance
Anterior fall dwrist-pelvis (cm) 51+ 14 41+ 13 p=10.003
Posterior fall dwrist-pelvis (cm) 14 = 20 19 + 13 p=0.256
AMST (N-m) 627 + 163 425 +91 p <0.001
Laboratory PMST (N-m) 360 + 105 234 67 p <0.001
AMST/PMST 1.75 = 0.29 1.90 +0.45 | p=0.058
PMST lateral heel-COM distance (cm) 18+ 6 17+6 p=0.571
AMST lateral toe-COM distance (cm) 11+4 13+3 p=0.030
Free-Living Fell anteri(.)rly (%) 29% 33% p=0.671
Environment Fell posteriorly (%) 28% 37% p=0.248
Fell laterally (%) 28% 24% p=0.636
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INTRODUCTION

Split-belt treadmill training has been shown to be
effective in normalizing gait symmetry by inducing
a motor adaptation to an asymmetry in belt velocity
[1]. This method of training has shown positive
outcomes in clinical populations such as those who
suffer from stroke [2], and has been used to
investigate the effects of introducing a novel gait to
healthy populations [3]. Gait training methods that
have utilized changes in belt velocity from step-to-
step between training blocks require the treadmill
operator to quickly adjust belt velocities through the
controlling device [3]. This form of manual control
can become a source of error and even impossible if
the belt velocity changes are frequent (eg. stride-by-
stride). Further, timing of velocity changes is of
crucial importance to insure that the adjustment
happens during the desired phase of gait.

As research into treadmill gait rehabilitation
progresses, the need has arisen for automated
treadmill operation. While some virtual reality
interfaces have utilized kinematic data for user-
driven control schemes [4], there is currently a lack
of operator-driven schemes that can be pre-set to
change speeds given a specified gait event.
Therefore, a scheme was implemented to automate
an operator-driven control system for split-belt
treadmill walking. The purpose of this study was to
detail the process of automated treadmill control
and test its performance during a trial of random
asymmetrical split-belt training.

METHODS

A random training protocol, which represents the
most challenging practice difficulty according to
contextual  interference  theory [5], was
implemented. This practice method involved the

non-dominant limb being driven at the user’s self-
selected walking speed (SSWS) while the dominant
limb was randomly changed within an upper and
lower velocity limit of = 0.5 m/s of SSWS for every
step. These velocities were randomized prior to the
trial in order to decrease computation time. One
subject (185 cm, 84 kg, SSWS = 1.57 m/s) walked
for 100 strides on the treadmill. Ground reaction
force (GRF) data were collected by the force plate
embedded under the dominant leg treadmill belt at
1200 Hz and were used to calculate swing phase
time (ms) for each step of the dominant leg.

A Bertec split-belt instrumented treadmill (Bertec,
Columbus, OH) was used for this study due to its
ability to be remotely controlled through TCP/IP
protocol. The control scheme was as follows:
analog force plate data (volts) were streamed (T1)
to an Arduino Mega 2560 at 25 Hz (T2), which then
interfaced with a Windows 7 machine (2.7 GHz, 8
GB RAM) using a USB serial connection (T3).
These data were streamed into MATLAB
(Mathworks Inc.) wusing the Data Acquisition
Toolbox (T4). As the analog data is streamed, this
custom-written program detects swing phase for the
dominant foot and issues a command at the first
sample where GRF > 0 volts to change speeds (T5)
from the pre-set speed randomization file to a
TCP/IP controller via USB (T6), which interfaces
with the treadmill motor to drive the belt. The
acceleration of the belt (T7) during each velocity
was set at 20 m/s” (Figure 1).

For this control scheme to function as intended, the
treadmill belt needed to be fully accelerated during
swing phase, prior to the next foot contact. To
assess performance, the total time (TT) for the
scheme to process and perform its commands was
calculated as the sum of the seven time points
previously specified. Assuming T1, T3, TS5, and T6
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were nearly instantaneous, only T2, T4, and T7
were used to calculate TT. T2 was calculated to be
40 ms, which would represent the longest possible
time for the Arduino board to capture a GRF > 0
signal while sampling at 25 Hz. T4 was calculated
using a MATLAB function to compute the time
between signal input and output. T7 was calculated
as the change in velocity for each step divided by
the 20 m/s” acceleration of the treadmill belt. A
factor of safety (FOS) was calculated by dividing
TT for each step by the minimum swing phase time
over the 100 strides.

T2
Arduino
B/B
T7
T6 . "
Belt
Acceleration
- a_p - b SR
: T4
MATLAB

T5

TCP/IP Controller

Figure 1: Treadmill control scheme with time
points for calculation of total time. Analog force
plate data are sampled by an Arduino A/D board,
then streamed in real-time into custom written
MATLAB software. Once swing phase is detected,
a command for a pre-set velocity change is sent to a
TCP/IP controller, which controls the motor to drive
the treadmill belts.

RESULTS AND DISCUSSION

Minimum swing phase time was calculated to be
300 ms. At a maximum belt velocity change of 0.43
m/s, TT was calculated to be 66 ms, resulting in a
FOS of 5. A polynomial fit of the relationship
between velocity change and TT (R? = 0.93),
indicates that sampling rate and device processing
time were not large factors in calculating TT
(Figure 2).

These results indicate that, with a maximum TT of
66 ms, this control scheme is sufficient to
accommodate treadmill belt velocity changes within
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the £ 0.5 m/s limit imposed on this study. This
approach would function well for given patient
populations with much shorter swing phases, such
as hemiplegic stroke patients [6]. Further, given the
polynomial equation calculated, this control scheme
can accommodate a treadmill velocity change
ranging from -1.77 m/s to + 1.47 m/s.

This control scheme can be implemented for future
split-belt treadmill studies that require automated
belt velocity changes. It can also be combined with
user-driven kinematic parameters in virtual reality
interfaces to detect gait events and implement
operator-controlled gait rehabilitation or training
programs.

80
>
)
5]
E
=
= 20
0
0.5 0.3 0.1 0.1 0.3 0.5

Change in treadmill belt velocity
y =10.843x3 + 101.02x? - 1.5738x + 45.089

Figure 2: Total time as a function of belt velocity
change. Total time increased as treadmill velocities
reached their upper and lower limits (R* = 0.93).
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GAIT RETRAINING TO IMPROVE STANCE TIME ASYMMETRY REDUCES KNEE EXTERNAL
ADDUCTION MOMENTS: A CASE STUDY OF A UNILATERAL TRANSTIBIAL AMPUTEE
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INTRODUCTION

Individuals with a unilateral transtibial amputation
(TTA) are at increased risk of developing
osteoarthritis (OA) in their intact limb knee [1].
During walking, these individuals load their intact
limb for longer than their amputated limb and this
asymmetric loading may result in joint pain [2].
Furthermore, greater knee external adduction
moments (KEAM) have been reported in the intact
versus amputated limb of these individuals [3].

Real-time feedback has previously been used to
decrease asymmetry during a single treadmill
walking session in individuals with a unilateral TTA
[4]. It remains unclear whether a treadmill-based
gait retraining program with a faded feedback
design can improve symmetry in individuals with a
unilateral TTA, and whether such changes translate
to a reduced KEAM in the intact limb during
overground walking.

The objective of this case study was to evaluate the
effect of gait retraining using real-time feedback on
stance time asymmetry and intact limb KEAM
during overground walking in an individual with a
unilateral TTA. It was hypothesized that following
retraining, stance time asymmetry would decrease,
resulting in reduced intact limb KEAM.

METHODS

This case study involved a 40 year old female
(67.9kg; 1.67m) with a left traumatic TTA. The
participant had high functional capability, and
reported no discomfort during walking. Following
screening to ensure the participant met the inclusion
criterion of > 5% stance time asymmetry, a pre-
training gait assessment was completed, followed
by gait retraining, and finally a post-training
assessment. During assessments, 7 trials were
collected in which the participant walked along a

30-m runway at 1.1m.s* +5%, contacting a force
plate (AMTI, Watertown, MA) at its center, with
the intact limb. Kinematic data were obtained using
a 10-camera Vicon (Oxford, UK) system and full-
body markers.

Twelve gait retraining sessions were conducted on
an instrumented treadmill (AMT]I, Watertown, MA)
over a 7 week period. A harness was worn
throughout retraining sessions to prevent injury if a
fall occurred. A custom program (C-motion,
Germantown, MD) calculated and displayed real-
time stance time asymmetries for each gait cycle.
This was displayed on a large screen positioned in
front of the treadmill (Fig. 1).

Figure 1: Demonstration of real-time stance time asymmetry
feedback. Colored bars indicate the magnitude and side of the
stance time asymmetry.

Duration of retraining sessions increased from 10 to
30 minutes over 12 sessions. Feedback was
provided for the entirety of the first 6 sessions. The
amount of feedback was reduced in each of the final
6 sessions in a faded feedback design, to encourage
internalization of the new walking pattern [5].

RESULTS

Following gait retraining, stance time asymmetry
was reduced by 32% (Fig. 2), and this corresponded
with a 14% decrease in KEAM (Fig. 3). Post
retraining there was a 2% increase in peak vertical
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GRF, an 8% reduction in peak medial GRF, and a
3° increase in peak knee adduction angle (Table 1).
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Figure 2: Mean (SD) stance time asymmetry during walking
pre and post gait retraining.
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Figure 3: Mean (SD) KEAM in the intact limb during
walking pre and post gait retraining.

DISCUSSION

The gait retraining program reduced stance time
asymmetry in a participant with unilateral TTA.
Intact limb KEAM was also reduced, likely as a
result of the reduced peak medial GRF, despite the
fact that the real-time feedback exclusively
provided stance time asymmetry information. It is
important to highlight that the changes in stance
time asymmetry and intact limb KEAM observed in
this case study occurred in a participant with a high
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baseline level of symmetry. It is plausible that the
magnitude of change from pre to post training
would be greater in a more asymmetric participant.

Additional research is required to determine the
success of this program in a larger population, and
the ability of the participant to maintain changes
without exposure to real-time feedback. As such, a
follow-up assessment is planned after a period in
which the participant undertakes focused walk
training without feedback. If a more symmetric gait
pattern can be maintained, the long-term risk of
knee OA in the intact limb of individuals with a
unilateral TTA may be reduced.

CONCLUSIONS

Based on this case study, gait retraining using visual
real-time feedback is promising for improving
stance time symmetry and reducing KEAM in
individuals with a unilateral transtibial amputation.
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Table 1: Temporal, kinetic and kinematic parameters, pre and post gait retraining in the intact limb.

Variable Mean (SD) pre | Mean (SD) post | % change
Stance time asymmetry (%) 5.0 (9.0) 3.4 (6.3) -32
Peak KEAM (N.m) 49.7 (5.9) 42.9 (5.0) -14
Peak vertical GRF (N) 832.5 (41.0) 851.5 (25.4) +2
Peak medial GRF (N) 63.3 (4.0) 58.1 (13.9) -8
. change (°)
Peak knee adduction angle (°) 1.3(0.5) 4.6 (0.5) 133
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DEVELOPMENT OF A VISUAL BIOFEEDBACK SYSTEM FOR CENTER OF PRESSURE
MODIFICATION DURING GAIT
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INTRODUCTION

Visual biofeedback has been utilized for mobility
modification in various impaired populations for a
considerable amount of time [1-4]. With the advent
of new technologies capable of both collecting and
portraying physiological information in real time,
new techniques for mobility modification are now
available. Center of pressure (COP) , defined as the
centroid of all external forces acting on the plantar
surface of the foot, it is a direct combination of
kinetic and kinematic variables making it an
intriguing function to investigate within mobility
modification [5]. In order to evaluate this claim, we
have developed a system to visually show COP
trajectory in the transverse plane of the foot along
with target locations for heel strike and toe off
location. The overall goal of this project is to
modify COP during gait as a method to alter
functional mobility in healthy adults in order to
further understand and develop rehabilitation
techniques and strategies.

We hypothesize that:

1) All healthy walkers will be able to
volitionally modify and maintain an altered
COP trajectory when provided visual
biofeedback and

2.) Shifting the COP trajectory medially and
laterally will decrease/ increase frontal plane
ankle moments, respectively, while anterior
and posterior shifts will increase and
decrease sagittal plane ankle moments,
respectively .

METHODS

In this feasibility study, one adult subject walked at
1.25 m/s on a split belt instrumented treadmill
(Bertec, Columbus, OH) while motion capture

(Vicon Nexus, Denver, CO) data of the lower
extremities was collected.

Utilizing a software development kit capable of
connecting motion capture and ground reaction
force data with computation software (MathWorks,
Natick, MA) we provided a visual/graphical
representation of the COP trajectory in real-time to
the walking subject through the use of a custom
Matlab code. Using the subject’s normal/neutral
COP trajectory as the basis, we graphically
provided a target toe off location which was shifted
medially, laterally, posteriorly and anteriorly along
the length of the foot.

In the extended study with no fewer than 12 healthy
subjects, we will also use electromyography (EMG)
to understand specific ankle muscle compensations
(tibialis anterior, gastrocnemius and soleus) caused
by the modified COP. Finally, using indirect
calorimetry, the metabolic energy expenditure
required to maintain each modified COP trajectory
will be collected.

Figure 1: Graphical depiction of output from
custom Matlab code. Purple represents neutral toe
off location alongside four potential shifted targets
(red, green, purple, and target locations
for shifts laterally, medially, posteriorly and
anteriorly, respectively).
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RESULTS AND DISCUSSION

This proof of concept study demonstrated the
general ability of an individual to modify their toe
off location along the foot’s x-axis (medial/lateral)
shown in Figure 2. These results represent the
average COP trajectory over 20 consecutive steps
for one healthy adult male walking at 1.25 m/s.

Left Foot COP Trajectory

Neutral Stride
Medial Shift 10%
Lateral Shift 20%

< [BIPIN / [BANEB] >

0 0.2 0.4 0.6 0.8 1
Foot Length

Figure 2: Transverse plane view of COP trajectory
while provided no biofeedback/neutral walking
(Blue), toe off shifted 10% of foot width medially
(Green) and toe off shifted 20% of foot width
laterally (Red). Axes normalized to foot width and
foot length, respectively.

Mechanics data shown below in Figure 3 provided
some key insight into the underlying effects caused
by modifying the COP trajectory. The most
prominent alterations occurred with the 20% lateral
shift of the toe off while the 10% medial shift
generated largely similar mechanical outcomes in
both the sagittal and frontal planes.

The lateral shift had implications in the sagittal
plane (decreased dorsiflexion angle contributing to
a reduction in moment magnitude during stance
phase and, thus, reduced peak power during push-
off). Frontal plane kinematics showed an
approximately 10 degree offset throughout the
entire gait cycle towards ankle inversion that had
substantial effects on the frontal plane moment
(~150% increase). Power generation, while visibly
affected, had peak magnitudes of only ~3% of those
seen in the sagittal plane.
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Figure 3: Sagittal and frontal plane mechanics for
the left ankle joint while provided no
biofeedback/neutral walking (Blue), toe off shifted
10% of foot width medially (Green) and toe off
shifted 20% of foot width laterally (Red).

Ultimately, this pilot study and data has
demonstrated the capacity of healthy walkers to
modify their COP trajectory via our biofeedback
application. We will continue validating the
approach through further data collection including
evaluation of compensations at more proximal
joints (i.e. knee and hip) and also new parameters
including EMG and metabolic expenditure.
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MODIFYING ANKLE JOINT NEUROMECHANICS USING AN ANKLE FOOT ORTHOSIS WITH
VIBROTACTILE FEEDBACK DURING HUMAN WALKING
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INTRODUCTION

Two common walking-related problems in impaired
populations are the inability to propel the body
forward during push-off at end of stance and/or
clear the foot during forward leg swing (foot drop).
A key factor contributing to these symptoms may be
inadequate ankle joint control in the weakened limb.
A potential solution to improve ankle joint control
is through the use of biofeedback. For example,
studies have investigated the capability of
biofeedback in older adults with propulsive deficits,
finding that this population has *“considerable and
underutilized propulsive reserve available” [1],
making real-time biofeedback a promising method
of rehabilitation. We have developed an ankle foot
orthosis (AFO) with  built-in  vibrotactile
biofeedback to provide dynamic feedback and
encourage activation of ankle muscles during
walking. The goal of this project was to test the
effectiveness of this device in healthy subjects by
asking the user to modify ankle kinematics by
altering control of their own muscles based on
biofeedback cues.

METHODS

A custom fabricated, unilateral carbon fiber/fiber
glass composite AFO was created for eight healthy
participants (age = 23.63 + 3.29 years; mass =
74.72 + 10.82 kg; height = 1.75 + .08 m). The
device uses a microcontroller with inputs from an
encoder and pressure sensors to control biofeedback
through the use of a buzzer and a vibration motor
(Fig. 2a). Time series data between each step is
shown in Figs. 2b,c. Each participant was asked to
walk in four 7 minute conditions: (1) No AFO, (2)
AFO - No Feedback, (3) AFO encouraging
increased plantarflexion (i.e. improve push-off), and
(4) AFO encouraging increased dorsiflexion (i.e.
prevent foot-drop). An instrumented treadmill was
used to record ground reaction forces (Bertec,

o
B
o

Ankle Angle (deg)
- [
o

Columbus, OH) while a motion capture system
(Vicon, Oxford, UK) was used to determine joint
kinematics. A combination of the two was used in
an inverse dynamic analysis to compute joint
powers using Visual 3D software (C-Motion Inc.,
Germantown, MD). EMG was collected through
surface electrodes (SX230 Biometrics Ltd.)
processed and integrated while a portable indirect
calorimetery system (Oxycon Mobile, Yorba Lina,
CA) was used to measure inspired O2 and expired
CO2 and compute metabolic power. Data was
averaged over 10 steps and ANOVA with a
Bonferroni adjustment was used to compare
differences between No AFO and AFO with the
different forms of biofeedback.

RESULTS AND DISCUSSION
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Figure 1: (a) Soleus (solid) and Tibialis Anterior
(dotted) EMG ; (b) ankle angle ; (c) ankle power.
Data are group means.
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For the increase dorsiflexion/prevent foot drop
biofeedback framework, users exhibited increased
tibialis anterior muscle activity (Fig. l1la) and
dorsiflexion of the ankle (Fig. 1b) during the swing
phase of gait. However compensations such as
decreased ankle power (Fig. 1c) and increased hip
power were observed during swing, contributing to
increases in metabolic cost while walking with the
AFO turned on (Table 1). These results lead us to
believe that this type of rehabilitation will be best
for users with foot drop not accompanied by other
neuromuscular impairments by strengthening their
tibialis anterior muscle and increasing ankle
dorsiflexion. However, for those who suffer from
foot-drop and propulsion deficits (e.g., post-stroke),
intensely focusing on using ankle dorsiflexors to
keep a lifted toe would negatively impact
propulsion performance. In these cases, strategies
that focus more on knee flexion to achieve toe
clearance, might be better.

In the second framework, increase
plantarflexion/improve ankle propulsion
deficiencies, increases in propulsive ankle power
(Fig. 1c) and soleus muscle activity (Fig. 1a) were
observed, as well as decreases in peak hip power
(Table 1), indicating that users could recruit unused

reserves of ankle ‘push-off’ power for limb
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advancement by trading off with power at the hip.
Slight increases in metabolic cost were observed,
however this was expected as enforced gait patterns
can elicit higher metabolic energy cost [2]. If an
impaired population, such as those with hemiparesis
following stroke can attempt to replicate these
results, we are hopeful that gait symmetry and
walking economy could be restored, leading to
improved quality of life.

CONCLUSIONS

This study lays the groundwork for future testing on
a vibrotactile biofeedback AFO to prevent foot drop
and assist push-off in impaired populations. This
targeted, on-line biofeedback approach, could
positively impact rehabilitation practices if impaired
populations can recruit muscle activity that they are
not using on a daily basis.
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Figure 2: (a) Vibrotactile AFO; and time series demonstrating (b) dorsiflexion encouragement (i.e., decrease
foot drop) and (c) plantarflexion encouragement (i.e., increase push-off power)

Table 1: Comparison of peak values for foot drop and push-off paradigms to no AFO condition

Foot Drop No AFO AFO Push Off No AFO AFO
Peak TA Activity 0.19 0.26 Peak SOL Activity 0.21 0.23
Peak Ankle Dorsiflexion* 20.66 deg | -0.244 deg | Peak Ankle Plantarflexion* 20.66 deg 30.45 deg
Peak Positive Ankle Power* | 3.15 W/kg | 2.04 W/Kkg | Peak Positive Ankle Power* 3.15 W/kg 4.07 W/kg
Peak Positive Hip Power 0.76 W/kg | 0.96 W/kg | Peak Positive Hip Power 0.26 Wikg 0.17 Wikg
Metabolic Cost 2.71 W/kg | 3.45 W/kg | Metabolic Cost 2.71 Wikg 3.13 W/kg
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Individuals with Incomplete Spinal Cord Injury Change Locomotor Stability After Exposure to a
Viscous Force Field
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INTRODUCTION

All strategies for stabilizing gait are not equal.
Individuals with neurologic impairments rely heavily
on general stabilization strategies that are present
every step to resist and respond to any potential
perturbation. General stabilization strategies (e.g.
taking wide steps and increasing percent time in
double support) decrease the necessity of sensing and
responding to specific perturbations but inherently
limit maximum walking speed, increase the
metabolic cost of transport, and decrease
maneuverability. Training individuals to utilize
specific stabilization strategies (e.g. corrective steps,
anticipatory postural adjustments) that are present
only when needed could improve gait stability,
speed, efficiency and adaptability. However,
inducing individuals to practice task-specific
stabilization strategies is very difficult, because
general stabilization strategies can act as a
physiological “crutch” that reduce the requirement to
perform specific corrective actions when practicing
walking in a balance-challenging environment.

The purpose of this study was to induce a temporary
after-effect of reduced reliance on general
stabilization strategies during gait in ambulatory
individuals with incomplete spinal cord injury by
exposing them to a brief period of walking with
external lateral stability.

METHODS

Two ambulatory subjects with chronic, AIS
(American Spinal Injury Association Impairment
Scale) D, incomplete spinal cord injury, completed
600 steps of treadmill walking at their preferred
speed. The first 200 steps established a Baseline

measure of how subjects walked with no external
assistance. The next 200 steps occurred in the
presence of an added Viscous lateral force field.
After these 200 steps, the force field was turned off
and the subject continued to walk for another 200
steps to measure any After Effects. The forces were
applied via a cable/pulley system attached to the
subjects’ hips and driven by two brushless AC linear
motors (Baldor, USA). Force control was maintained
using feedback from load cells placed in series
between the subject and the motors. The Viscous
lateral force field consisted of a 66 N baseline force,
applied bilaterally to the subject, and an additional
variable force proportional to the subject's lateral
center of mass velocity. The effect of the viscous
field was to resist subjects’ lateral motion. Motion
capture cameras were used to measure mediolateral
pelvis kinematics and foot placement variability.

RESULTS AND DISCUSSION

As shown in Figures 1 and 2, during the After-
Effects period, subjects demonstrated an increase in
mediolateral center of mass excursion variability
(~70-220%), step width variability (~100% - 350%
increase), and minimum lateral margin of stability
variability (~40% - 350% increase) when compared
with Baseline walking. Step width mean and margin
of stability mean both tended to decrease (~10% -
50%), double-support time decreased (~4-30%), and
no consistent trend was found for center of mass
excursion mean. These results suggest decreased
reliance on general stabilization strategies during the
After-Effects period as compared to Baseline.
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Figure 1: Extrapolated center of mass (XCOM), left
base of support (LBOS), and right base of support
(RBOS) data for two subjects walking during
baseline, exposure to a viscous lateral force field, and
after-effects immediately after removing the force
field. Data shown is for the last 20 steps of the
baseline and viscous field trials, and the first 20 steps
during the after-effects period.
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CONCLUSIONS

A temporary period of reduced reliance on general
stabilization strategies during gait can be induced in
individuals with incomplete spinal cord injury by
exposing them to a brief period of walking with
external lateral stabilization. We believe that external
stabilization can be used to prime the motor system
for acquiring specific stabilization strategies during
targeted gait rehabilitation interventions, by
temporarily decreasing an individual's reliance on the

physiological *“crutch” of general stabilization
strategies
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Figure 2. Percent change of kinematic measures from baseline walking to the after-effects period created from
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INTRODUCTION

Identifying priority research areas has a variety of
positive effects. In addition to focusing individual
researchers’ attention on issues that are important
and urgent, it requires an honest assessment of the
state and direction of one’s field of research, creates
community-wide communication around a common
theme, and invites collaboration and cross-
fertilization.

The Grand Challenge to Predict In Vivo Knee Loads
was announced in 2009 and has had a positive impact
on the biomechanics community. The associated
competitions have benchmarked current methods,
encouraged innovation, raised awareness, and
increased  conversation in the lower-limb
biomechanics community [1, 2].

However, upper limb biomechanists face a different
set of important and urgent issues. There are
fundamental differences between lower- and upper-
biomechanics on a variety of levels, including
function, loading, control, and pathology. In
addition, methods employed in upper-limb
biomechanics research are generally less
standardized than lower-limb methods, making
comparisons and community-wide communication
more difficult. The upper-limb biomechanics
community would greatly benefit from efforts to
identify its own set of priority areas and grand
challenges. Although identifying such priority areas
and grand challenges is beyond the scope of a single
symposium (let alone coming to agreement), this
symposium can serve to start a community-wide
discussion of priority areas and potential grand
challenges (for the purposes of this symposium, a

priority area is defined as a research area of
exceptional importance, whereas a grand challenge is
defined as a specific, tightly defined problem that
addresses an aspect of a priority area and draws
attention to it, often through an organized
competition).

SYMPOSIUM FORMAT

The symposium will begin with a short presentation
by each author in which he/she presents his/her
opinion of priority areas in  upper-limb
biomechanics, and suggestions for potential grand
challenges. After these presentations, the audience
will be divided into groups and encouraged to discuss
the presentations and develop their own priority
areas and grand challenges, which each group will
briefly present to the entire audience.  The
symposium will end with a moderated debate
involving the authors and the audience.

PRESENTATIONS

Charles: The gap between researchers and clinicians
is a significant obstacle to the progress of upper-limb
biomechanics research. This gap is arguably larger
for upper limb movements than for lower-limb
movements, perhaps in part because standardization
is more pervasive for the lower limb (gait is more
easily standardized than upper limb function) and
because the lower-limb research community has
more researchers who bridge that gap (e.g.
researchers in exercise science, who often pursue
applied research, make up a large part of the lower-
limb biomechanics research community but rarely
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research upper limb biomechanics). There appears to
be relatively little discussion (or even common
ground) between researchers in upper-limb
biomechanics and motor control and clinicians such
as occupational therapists and surgeons. Greater
communication between researchers and clinicians
would greatly benefit patients with movement
disorders by informing researchers of clinically
relevant problems and by assisting clinicians in
adopting more quantitative tools for evaluation and
diagnosis. One potential first step may be to take
advantage of recently developed motion capture
systems that are low-cost, quick-and-easy
(markerless), and high-resolution (e.g. Leap Motion
sensor). Gathering and sharing upper-limb
movement data from large numbers of subjects
would allow us to establish quantitative norms of
upper limb movements (intra- and inter-subject
variability as well as means). Although such an
endeavor is difficult because upper limb function is
highly variable, it could enable identification of
subtle movement abnormalities believed to cause the
movement impairment syndromes so common in
clinical practice (60% of patients seen by physical
therapists, for example [3]).

Li: Biomechanics is an applied science that bridges
basic research and clinical applications, effectively
translating research findings to benefit patients.
Research in musculoskeletal biomechanics has led to
significant advances in clinical practice in orthopedic
surgery and rehabilitation, including implant design,
joint replacements, medical devices, surgical
techniques, orthotics and prosthetics, and
performance evaluation. However, biomechanics for
the hand is somewhat underdeveloped in comparison
to other musculoskeletal areas. Yet, the hand offers a
unique research opportunity for biomechanics
research because of its anatomical complexity,
functional versatility, and pathological vulnerability.
My research for over 15 years has focused on hand
biomechanics and motor control with a clinical
application to carpal tunnel syndrome. I will share
my experiences of disease-centered research
development and discuss the challenges and
opportunities of biomechanics research related to
several main hand disorders.
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Murray: In biomechanics, the upper limb is often
considered somewhat of a niche area. In addition to
the complexity of the system and the difficulty in
stereotyping the most common way humans use their
arms and hand (compared to gait, for example), this
viewpoint is a challenge to progress and momentum
in the field of upper-limb biomechanics. Researchers
interested in the upper limb need to continue to
demonstrate how advances in this area add and
advance a common knowledge base that should be of
interest to a wide community, not to just those who
focus their efforts in this area.

Similarly, upper limb researchers often face
difficulties in translating their research to the clinic.
Without a specialized journal or society that brings
researchers and clinicians together (such as the Gait
and Clinical Movement Analysis Society),
researchers interested in the upper limb often have
difficulty finding clinicians who are familiar with
upper-limb biomechanics research. This can limit the
clinical collaborations and can make distribution of
research findings challenging; sometimes findings
are considered too clinical for a scientific journal and
too research-oriented for a journal with clinical
interests.

Finally, in the lower limb, joint replacements are
considered to be one of the most successful medical
devices of our time. In contrast, joint replacements in
the upper limb have had relatively limited success;
degenerative pain in the wrist and thumb is most
commonly treated by simply removing the bones
associated with the degeneration, without any
replacement.

Perreault: Understanding the proximal-distal
differences in the neural control of upper limb
biomechanics is a priority area. Different levels of
the nervous system are engaged in different
proportions as we consider proximal and distal joints
in the human arm. We do not presently have a good
understanding of how these differences contribute to
our ability to complete various motor tasks, or how
these abilities are altered by injury. This is arguably
a much greater issue for the upper limb than it is for
the lower limb.

Also, efforts to identify neural control strategies need
to incorporate task and biomechanical constraints.
Many studies attempt to infer neural control
strategies from recorded muscle activations but fail
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to consider how those activations are constrained by
the biomechanics of the limb and the task being
performed. This issue is relevant to both upper and
lower limbs, though solutions may be more feasible
for the upper limb.

Valero-Cuevas: We should re-evaluate the current
cortico-centric view of the neural control of the upper
extremity and hand. For over a century, researchers
have agreed that our anatomy and brains exhibit
dramatic, specific, and useful adaptations for control
of the upper extremity and hand. But if we roll back
evolutionary time, it is not at all clear what were the
evolutionary pressures that drove such drastic neural
adaptations. For example, the advantages of
monosynaptic corticospinal projections are often
taken to be self-evident for biomechanical
function—but it is equally evident that the larger
proportion of oligosynaptic corticospinal and
rubrospinal projections serve humans and other
dexterous vertebrates well. Similarly, time delays
argue against cortical circuits being the dominant
drivers of time-critical biomechanical dexterity.
Roger Lemon has argued that these adaptations
cannot be the sine qua non of dexterity [4], yet this
caveat has largely gone unheeded. Therefore, let us
explore a  hierarchical and  distributed
neuromechanical architecture that leverages, yet
does not supersede, phylogenetically older structures
shared by humans and other dexterous vertebrates.

Vidt: There is a movement toward developing
models for individualized medicine, but more work
is needed before this can become a plausible solution
for the upper-limb. There are several aspects of
shoulder biomechanics notably absent or simplified
in current models [5]. These exclusions necessitate
further model development and should be considered
as priority areas for the upper limb research
community. For example, muscle scaling and
humeral head translation are needed to more
accurately represent different individuals, and these
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parameters become increasingly important in the
context of orthopaedic injury (e.g. rotator cuff tears,
subacromial impingement). Muscle force and the
relative positions of the bony structures are essential
determinants of the magnitude and direction of joint
contact forces. To bridge the gap between
biomechanics and the clinic, it is important to
quantify how these measures change following
injury and the extent to which they affect joint
loading and contribute to subsequent joint damage
during typical upper limb movements.

A potential grand challenge would include model
prediction of glenohumeral joint contact forces
measured using instrumented shoulder implants.
Being able to accurately predict in vivo loads would
require a model that effectively captures the
muscular changes associated with injury, as well as
the intrinsic bony kinematics. The challenge would
be in the same spirit as that of the lower limb, but due
to the anatomical and functional differences of the
shoulder, it would require a markedly different
approach.
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INTRODUCTION

The standing long jump is an athletic event that has
been frequently studied to analyze and improve
athletic mechanics and performance. Analysis of the
biomechanics of the standing long jump can be
complex due to requisite coordination of the upper
and lower body movements. The net muscle torques
at anatomic joints can be calculated using inverse
dynamics on kinematic and kinetic data obtained
from a motion capture system. The conventional
calculation of joint torques involves modeling the
body as a series of rigid segments connected by
joints and iteratively solving the Newton-Euler
equations of motion for each segment in the model.
Measurement and modeling errors compound as the
solution to one segment is used to solve for the
solution to the next. For systems involving more
than a few segments, the errors can become larger
than physiologically possible [1]. Including the
ground reaction forces measured by force plates can
be used to increase accuracy but results in an over-
determined set of equations. This over-determinacy
is often resolved by arbitrarily ignoring the
equations from or applying residual forces and a
torque to the top-most segment.

The objective of the present study was to investigate
various strategies for performing inverse dynamics
for the standing long jump including neglecting the
equations of motion for different segments to yield
determinate conventional solutions and by simul-
taneously solving all of the equations using a least
squares static optimization solution method [2].

METHODS
Six adult males (mean + standard deviation, mass:

90.3 = 12.0 kg and height: 182.0 + 6.3 cm) each
completed a series of eight standing long jumps.

The positions of reflective markers placed on their
bodies were recorded by an eight-camera motion
capture system (Vicon Motion Systems Ltd., Los
Angeles, CA) and the ground reaction forces and
center of pressure locations were recorded by two
in-ground force plates (Advanced Mechanical
Technology Inc., Watertown, MA). The locations of
the reflective markers were selected to allow for the
creation of a two-dimensional, seven segment (foot,
shank, thigh, pelvis, trunk/head, upper arm, and
forearm/hand) link model. The volunteers were
given the opportunity to warm up and familiarize
themselves with the standing long jump motion
through practice jumps. For the recorded trials, the
participants were instructed to stand with one foot
on each force plate and perform standing long
jumps for best distance.

The planar Newton-Euler equations of motion were
derived for all seven segments. The joint torques at
the ankle, knee, hip, lower back, shoulder, and
elbow were calculated using a conventional
“bottom-up” inverse dynamics procedure by
applying the measured ground reaction force data
and neglecting the equations of motion for the
forearm/hand segment. The same joint torques were
calculated using a conventional “top-down” inverse
dynamics procedure by applying the known zero
external loading at the hand and neglecting the
equations of motion for the foot. Conventional
solutions neglecting the equations for each of the
other segments were obtained by simultaneously
completing the “bottom-up” and “top-down”
procedures until the eliminated segment was
reached. In addition, a static optimization procedure
was used to obtain the joint torques by including the
measured ground reaction force data and
simultaneously solving the equations of motion for
all seven segments in a least squares sense similar to
the procedure proposed by Kuo [2].
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A one-way single variable ANOVA blocking on the
six participants was created in SAS JMP 10.0 (SAS
Institute, Cary, NC, USA) and used to calculate the
mean joint torque with 95% confidence intervals at
each frame for each inverse dynamics method.

RESULTS AND DISCUSSION

The joint torques for the conventional “bottom-up”
and “top-down” inverse dynamics and the least-
squares static optimization procedures for the last
1.2 s before take-off are shown in Figure 1.
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Figure 1: Comparison of joint torques for “bottom-
up” and “top-down” conventional solutions and
least squares solution (+ extension/plantarflexion).

The hip and lower back torques demonstrated the
greatest agreement for the three methods, with
overlapping confidence intervals through the jump.
The least squares solution almost entirely coincided
with the “bottom-up” solution at the ankle and with
the “top-down” solution at the elbow. The
conventional joint torques calculated for the two
joints furthest from the known applied force
(shoulder and elbow for the “bottom-up” solution,
knee and ankle for the “top-down” solution)
substantially differed from the least squares
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solution. The propagation of error for the inverse
dynamics solutions crossing more than three or four
segments was considerable.

The effects of discarding equations for segments
other than the forearm/hand and foot segments were
explored by using the “bottom-up” solution “up” to
the segment of interest and the “top-down” solution
“down” to the segment. Neglecting the equations
for the trunk yielded joint torques over the full-body
model that were most similar to the least squares
analysis, which suggests that greater accuracy in
conventional full body inverse dynamics may be
obtained by ignoring the equations of motion for the
trunk segment.

CONCLUSION

Conventional methods of inverse dynamics result in
well-established errors in the calculated joint
torques that increase considerably as the number of
segments increases. Including known or measured
external forces at the ground and/or at the hand can
increase accuracy but results in an over-determined
system of equations. The present study explored
various strategies for resolving this over-
determinacy including leaving out the equations of
motion for various segments and solving all of the
equations simultaneously using a least squares static
optimization procedure. The calculated torques for
joints more than three or four segments away from a
known external force demonstrated questionable
reliability as they substantially diverged from the
other two solution methods. The results from this
study suggest that the reliability in the calculated
torques for a full body model can be enhanced
considerably by discarding the equations of motion
for the trunk segment through a combined “bottom-
up” and “top-down” conventional inverse dynamics
solution or by solving all of the equations
simultaneously using a least squares static
optimization procedure.
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INTRODUCTION

Among older adults in the U.S., falls are the leading
cause of nonfatal injuries, with 2.5 million treated in
2013 alone [1], at a direct healthcare cost of 30-
billion dollars annually [2]. The number of fall
events continues to rise each year, providing a
rationale to study balance control and how it relates
to a fall event. Through this approach prophylactic
exercise prescriptions can be developed, to reduce
the number of preventable falls. Experiments have
identified many aspects of falls; however,
simulations can complement experiments to help
uncover mechanisms of coordinated and
uncoordinated movements for predicting balance
recovery. Synthesis of subject-specific movements
requires accurate musculoskeletal modeling,
complex dynamic simulation, and robust control
system design. Human movement involves closed-
loop control and a combination of biomechanics and
robotics approaches offers great potential for
improving fall-related interventions; in addition, it
will accelerate the study of human movement
control and subject-specific outcome prediction.

METHODS

Motion capture and electromyography (EMG) data
(Gluteus Maximus, Gluteus Medius, Rectus
Femoris, Vastus Medialis & Lateralis, Biceps

Y1285 = {(DgoernX1,X2)

motion :
»la

E)ynamic Simulation

Figure 1: Subject-specific surrogate models created
from experimental motion capture data and used for
desired task-level coordination during simulations.

Motion Capture

Femoris, Semitendinosus, and Medial
Gastrocnemius) of balance recovery were collected
from a healthy female (height 1.72 m; mass 68 kg)
and male (height 1.79 m; mass 84.5 kg) using a
Computer Assisted Rehabilitation Environment
(CAREN) system (Fig. 1). The CAREN base was
randomly (1 to 3 sec into trial) translated (6 cm)
anterior or posterior at maximum viable speed (40
cm/s), while each subject stood on one foot lifting
the contralateral foot (>10 cm) above the surface.

Subject-specific  dynamic  simulations  with
supporting contacts were created from a three-
dimensional, full-body musculoskeletal model with
17 degrees of freedom and 92 muscle-tendon
actuators using OpenSim [3] and a custom
MATLAB S-function [4]. The simulated motion
was combined with surrogate models of
experimental motion capture data to begin forming
the closed-loop control (Fig. 1; Fig. 2 top right).
Separate  quadratic response  surfaces were
developed for each desired subtask (e.g., swing foot
position) as a function of a primary task (e.g., center
of mass position) to approximate subject-specific
task-level  movement coordination  allowing
synthesis of a range of motions (e.g., prediction of
post-treatment outcome from pre-treatment motion).

ONTROL SYSTEMS SPECIFIC SUBJECTS

RoBoTICS $-functiof BIOMECHANICS
Figure 2: Overview of task level simulation usmg
OpenSim and MATLAB.
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Differences between simulated and desired tasks
were used to compute task errors (Fig. 2 top left).
Differences between simulated and experimental
tasks were minimized by tuning proportional-
integral-derivative (PID) controller gains in the
feedback loop to a specific subject. Desired task
accelerations were delayed (60 ms) to represent
time lags for neuromechanical processes.

Task accelerations were used to synthesize whole-
body motions wusing prioritized, multi-task
approaches for a support-consistent formulation
maintaining the foot-ground contact [5, 6] (Fig. 2
bottom left). Each task force is comprised of the
task acceleration multiplied with its task space
inertia  matrix, plus velocity and gravity
compensation terms. Composite joint torques to
simultaneously control all tasks are found by
multiplying task forces by their respective reduced
Jacobians and dynamically-consistent, priority-
level-determined, null space matrices for each task.

Joint torques from the prioritized operational space
motion control were used for a musculoskeletal
dynamic simulation with supporting contacts (Fig.
bottom right). Static optimization minimized the
sum of muscle activations squared subject to bounds
(0 to 1) and constraints on net muscle moments, the
product of muscles forces and their moment arms,
equaling the total joint torques for the tasks.

The synthesized motions were compared with the
experimental ones from each subject. In addition,
the model’s muscle activations were compared with
processed experimental EMG from each subject.

RESULTS AND DISCUSSION

The synthesized motions and muscle activations
reproduced the balance recovery experiments. The
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simulated whole-body center of mass displacements
were, on average, within 0.7 cm (female) and 1.3
cm (male) of experimental ones (Fig. 3a male
subject). Model muscle activations (Fig. 3b bottom
row) matched experimental EMG (Fig. 3b top row)
in timing of peak muscle excitations. Differences
between simulated and experimental balance
recovery were similar in both anterior and posterior
translation directions of the CAREN base.

The combination of biomechanics and robotics
approaches for closed-loop control simulations
allowed synthesis of subject-specific task-level
motions. The surrogate response surfaces allowed
synthesis of new, coordinated motions without
additional experimental motion capture data. The
optimal PID gains allowed control over simulated
tasks for each subject. The operational space control
allowed multiple prioritized tasks to balance on a
single supporting limb in contact with the ground.
The four areas of the closed loop (Fig. 2: specific
subjects, control  systems,  robotics, and
biomechanics) offer numerous directions for future
work to advance the study of human balance control
and subject-specific outcome predictions.
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SIMULATION-BASED DESIGN OF DEVICES TO AUGMENT HUMAN MOVEMENT
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INTRODUCTION

Musculoskeletal dynamic simulation can aid the
design of devices that augment human movement.
These devices can be used for rehabilitation or for
enhancing athletic performance; in the latter role the
device relieves some of the metabolic work done by
muscles acting over a joint. The design of powered
devices requires knowledge of the speed and torque
at the joint over time. In-vivo measurement of these
quantities is inherently difficult, but they can be
predicted by simulation. The objective of this study
is to intelligently design wearable robotic devices,
including selection of motors, springs, etc.

Exoskeleton systems that transmit force to the
human body have been developed for rehabilitation
[1], for load carrying [2], and for enhancing strength
and endurance [3]. The simulation-based design
method described in this paper is applied to a
prototype hip actuator, the purpose of which is to
help a person run fast. The device is light, of few
parts, and is capable of delivering a significant
fraction of hip power. Hamner et al. [4, 5] and Dorn
[6] describe simulations of human running. The
author has not found any physics-based
musculoskeletal simulations of humans with
exoskeletons in the literature.

This study demonstrates simulation-based selection
of springs and electric motors for a hip actuator to
assist running. The author’s vision is to utilize
external power to enable an average runner to
maintain his or her sprint pace for a mile.

METHODS

Simulation is based on a human body model that
accounts for the sizes and masses of body segments,
muscle-to-bone attachment points, and muscle
dynamics. OpenSim is software for simulating
musculoskeletal dynamics of human and animal

movement. OpenSim executes inverse kinematics,
inverse dynamics, residual reduction, and computed
muscle control algorithms. Simulation results
include joint moments, joint angular velocities, and
joint power, and metabolic rate [7]. The human
body model used in this work contains 92
musculotendon actuators of the lower extremities
and torso [4, 5]. The hip actuator is also included in
the model.

The action of the hip actuator prototype is
reciprocating: a flexion moment applied by the
device to the right leg is accompanied by an equal
and opposite moment (extension moment) applied
to the left leg. The mechanism does not restrict hip
abduction and adduction, thus it minimizes
interference with the natural motion of running. The
controls and battery are in a backpack.
Hip
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Figure 1. Hip actuator torque (red) is timed to
maximize the contribution to hip flexion moment.

Extension and flexion moments exerted ny the hip
actuator are synchronized to the runner’s gait. The
torque profile is shown in Fig. 1 on the same plot
with hip joint moments from an OpenSim analysis
of over-ground running at four speeds up to 9m/s
[6]. A four minute mile is run at 6.7 m/s for
comparison. The torque profile must accommodate
the reciprocating action: force on the right leg must
be equal and opposite to the reaction force on the
left leg. The peak magnitude of the torque profile
shown is 120 Nm; such a torque would require a
peak force of 300 N (68Ib) applied to the leg
proximal to the knee. Gain control is used to reduce
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the magnitude of the torque applied. The phase of
the control signal is aligned with the positive and
negative peaks of the hip muscle moment to
maximize the contribution of the system.

The angular position of the system is equal to the
angular position of one leg relative to the other, Fig.
2A, and the motor speed is the system speed
multiplied by the motor gear ratio, Fig. 2B.
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over one gait cycle. Figure 2b: Motor speed.

A motor is selected to satisfy the speed and torque
profiles, iteratively analyzing the current-, voltage-
and power-versus-time profiles with candidate
motors.

RESULTS AND DISCUSSION
The motor input power profile for one gait cycle is

shown in Fig.3. This figure is for running at 4 m/s.
The RMS power is 170 W; the peak is 320 W.

Electrical Power (Motor Input)
—Moter Input Power
—RMS Average
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Figure 3: Motor input power over one gait cycle.

CONCLUSIONS

This paper presents a method of incorporating
mechanical devices in OpenSim for the purpose of
design.

An important limitation of this analysis is the
assumption that gait kinematics are the same with
the device as they are without the device. This
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approach can answer the question “if a runner runs
the same way with the device as he runs without it,
will there be a metabolic savings?” If the runner
adapts his or her gait to accommodate wearing the
system, this analysis does not account for the
change.

The next step in this project is to run the OpenSim
metabolic analysis with and without the hip
actuator, the hypothesis being that metabolic rate
will be less with the device. OpenSim will be also
used to identify potential negative effects on non-
hip muscles, and bone-bone contact forces. Once
the prototype is assembled and subjected to pilot
testing, the author will seek approval for a trial from
the Institutional Review Board for human subject
testing.

Simulation-based prediction of the effects of
machines on human metabolics and muscle force is
helpful to understand the impact of such devices on
the user. An OpenSim analysis can output joint
angular velocities and joint torques, the principle
quantities necessary for the design of wearable
robotic systems.
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INTRODUCTION

The majority of human body mass is comprised of
soft tissue that oscillates during human locomotion.
As a result, models of human locomotion that
ignore soft tissue vibration may affect the
measurement accuracy of gait kinematics and
kinetics. Models of human locomotion that contain
a soft-tissue component can be used to study the
potential role of soft-tissue oscillation. Passive-
dynamic walkers (PDWSs) are simple human
ambulation models that can be used to study the
underlying dynamics of walking gait. A bipedal,
point-mass walker with masses located at the hip
and both feet can ambulate on an incline solely due
to gravity [1]. A PDW model can be modified to
study the dynamics of biologically-inspired systems
(e.g., energy storage and release in a muscle-tendon
unit, or arm swing). A simple PDW with a soft-
tissue component was modeled to study the effects
of soft-tissue oscillation on human gait dynamics.

The objectives of the study were: (1) quantify the
effects of soft-tissue oscillation on the stability of
human walking gait; and (2) to measure the
kinematic differences between a bipedal walker
with and without a soft-tissue component.

METHODS

A two-dimensional PDW was modeled to study the
effects of soft-tissue oscillation on gait dynamics.
The control passive-dynamic walker (CPDW)
contained a point mass at the hip and each foot.
The legs were massless and rigid. The oscillating
passive-dynamic walker (OPDW) was identical to
the CPDW except for the addition of spring-mass-
damper system attached to the hip mass to simulate
soft-tissue oscillation (Fig. 1).

Hip Mass Foot Mass ——tance Leg @Pin Joint
(Rigid) OSCillating Mass cos— SWing Leg ﬁ Ramp Slope

(Spring-Damper)

B

Figure 1: Diagram of a passive oscillating mass
walker. (a) The initial position of a step cycle. (b)
An intermediate position of a step cycle.

Stable gait cycles were found by systematically
incrementing the spring-damper (S-D) parameters
until the walker failed to ambulate. The damping
values analyzed were between 0 and 12 N.s.m™ in
increments of 0.25 N.s.m™, and the spring stiffness
value was incremented by 0.1 N.m?®  The
conditions for foot-ground contact were such that
each step was mathematically dependent upon the
angular position of the stance leg exclusively [1].
Therefore, the stance leg state trajectory was
analyzed in order to assess stability.

The gait stability of the control and oscillating
PDWs were measured by Floquet multipliers (FMs),
basin of attraction (BOA), and step-time variability
(STV). The S-D parameters that resulted in period-
1 gait were analyzed for stability. A period-1 gait
cycle is such that each cycle is kinematically
identical, therefore, the PDW could ambulate
indefinitely if unperturbed. The FMs and BOA were
analyzed by perturbing the initial state of the stance
leg and analyzing the subsequent gait cycles.

To test PDW robustness to an isolated
perturbation in the terrain, the slope was perturbed
and the subsequent steps were recorded. The
perturbation was systematically increased and
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decreased until the PDW failed to ambulate. The
slope perturbation range (SPR) was the range of
slope perturbation values that the walker could
ambulate without failing in the subsequent steps.
To further test robustness, the CPDW and the
OPDW for varying S-D parameters were simulated
for 200 steps on uneven terrain. The slope was
randomly varied and the standard deviation of the
step time was calculated for the CPDW and an
OPDW with varying S-D parameters.

RESULTS AND DISCUSSION

The OPDW gait dynamics were sensitive to the S-D
parameters. The S-D parameters could be tuned
such that the OPDW exhibited stable period-1,
period-n (n>1), or chaotic gait cycles.

A FM with a magnitude less than one constitutes a
system that is stable step-to-step. The S-D
parameters could be tuned such that the step-to-step
stability of the OPDW was greater than that of the
CPDW (Tab. 1). The range of slope values for
which an OPDW with S-D parameters of 62.4 N.m™
and 3.5 N.s.m™ could ambulate was 112.9% greater
than that of the CPDW. The most stable FM value
for this OPDW occurred at a mid-range slope value,
which corresponded to a relatively moderate
walking speed.

Table 1: Floquet multiplier values for the CPDW
and varying spring-damper parameters for the
OPDW.

Control Oscillating
¢ (N.sm™b) 0 35 10.0 12.0
k(Nm™) 0 258 | 323 | 391
Floquet Multiplier| 0.5883 | 0.3545 | 0.3644 | 0.3651

The phase space of the BOA plane was the Poincare
section of the initial state for each step. The S-D
parameters for the OPDW with the largest BOA
were 1.1 N.m?-2.5 N.s.m™. The area was 111.6%
larger than that for the CPDW.

The S-D parameters that resulted in the largest SPR
were 53.7 N.m™? and 3.5 N.s.m™. The SPR for this
OPDW was 0.0167 radians, which was 131.9%
larger than the SPR of the CPDW. The standard
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deviation of the step time for the CPDW on varying
terrain was 0.12810 seconds.  The standard
deviation of the step time for the OPDW on the
same randomly varied terrain was 0.07017 seconds,
which is 45.2% less than the CPDW.

The S-D parameters for the oscillating mass could
be tuned such that PDW exhibited an increase in
step-to-step  stability, global stability, and
robustness to changes in the terrain. In fully rigid
body models of human ambulation, stability is
largely attained by muscle actuation. The extent to
which the neuromuscular system controls stability
may be overestimated. Soft-tissue vibration
passively increases stability, which would decrease
the necessity of the neuromuscular system to aid
stability.

It has been illustrated that varying the S-D
parameters will drastically change the gait dynamics
of a bipedal walker. Stability in human walking
gait has been shown to be different amongst
different age groups and body types. Differing
levels of stability amongst humans may be
attributed, in part, to inter-human soft tissue
composition variability. Adipose tissue, which is
less stiff than other soft tissues, will passively affect
the walking kinetics and kinematics of human gait
differently than other types of soft tissue (e.g.,
muscle tissue, skin tissue, and tendon tissue).

CONCLUSIONS

Passive-dynamic walkers can be utilized to obtain
insights into human locomotion. These simple
PDW models were extended to study the effects of
soft-tissue oscillation on walking gait dynamics.
Importantly the walking gait of the PDW model
with an oscillating component was much more
stable than the fully rigid model. This suggests
damped soft-tissue oscillations may, in addition to
their other roles, make gait more stable.
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INTRODUCTION

Computer simulation and optimization are powerful
tools for studying the biomechanics of movement.
Dynamic optimizations can be categorized as either
data-tracking or predictive problems. The open-
source software OpenSim [3] provides tools for
generating tracking simulations but not predictive
simulations. However, OpenSim includes a robust
application programming interface (API) that
permits extending its capabilities with scripting
languages such as MATLAB [e.g., 2]. In the work
presented here, we combine the computational tools
provided by MATLAB with the musculoskeletal
modeling capabilities of OpenSim to create a
framework for generating predictive simulations of
musculoskeletal movement based on direct
collocation (DC) optimal control techniques [1,4].

METHODS

The optimal control problem can be stated as: find
the state and control trajectories that minimize an
objective  function, subject to constraints
represented by the system dynamical equations,
bound constraints on the controls, and arbitrary task
constraints [4]. With DC, both the states and
controls are discretized in time and treated as
unknowns, and the original optimal control problem
is transformed into a large-scale, nonlinear
programming problem [1]. In our approach (Fig. 1),
we use MATLAB to set-up and solve the
optimization problem using the fmincon solver
(interior-point algorithm) and to communicate with
OpenSim via the API. OpenSim is used to calculate
the derivatives of the state variables, given a set of
discretized states and controls, as well as to return
any other quantities of interest (e.g., muscle or
contact forces). In evaluating the system dynamical

equation constraints, we used a backward Euler
discretization.

For demonstration purposes, we used a simple 1
degree of freedom (DOF) model consisting of a
block acted upon by two muscles (6 states, 2
controls), that was modified from the “Tug of War”
example provided with OpenSim. Task constraints
were defined such that the block should move from
a starting position of -0.08 m to a position of 0.08 m
and back to the original position in 1.0 s. The
objective function to be minimized was the sum of
squared muscle activation integrals.

We evaluated the solutions by comparing them at
different mesh densities between 25-201 nodes, and
by comparing them with forward simulations based
on the resulting initial conditions and controls from
DC. To evaluate the scalability of the Matlab-
OpenSim DC approach, we also present preliminary
result for a predictive human walking simulation
using a two-dimensional (2-D) model with 12 DOF
and 18 muscles (60 states, 18 controls).

Optimal Control / Optimization Optimal
Y 4 ! States .sto
. DesignParameters} Constraints Optimal
Discretized Discretized _1 I Controls..sto
Controls R States e !
:'_ ] e A | D ea— * Differentiated _:
B T —— States -
I ¥ ¥ 4 ! T OeenSiE
i b ensim !
Musculotendon Musculoskeletal L’ Equationof | - '_J - ————
Dynamics i Geometry e Motion I | MATLAB |
t t t | EE—
st o e s | Files
Musculoskeletal i Opensim APl 1
model .osim ——— .

Figure 1: MATLAB-OpenSim interface for solving
optimal control problems using DC.
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RESULTS AND DISCUSSION

For the 1-DOF model, all node densities resulted in
approximately sinusoidal motions that satisfied the
constraints (tolerance = 1e-6) even when the initial
guess (blue lines in Fig. 2) was far from the final
result (black and green lines in Fig. 2).

With increasing node density, the minimum
objective function value (related to the activation
integrals in Fig. 2b) decreased considerably until
101 nodes, with little further reduction at 201 nodes.

The forward simulation based on the 201 node
solution (red lines in Fig. 2) was nearly identical to
the DC result, with a maximum discrepancy of 2.8
mm in the block position at the end of the 1.0 s
simulation.
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Figure 2: (a) Optimized block position and (b)
optimized muscle activations for different numbers
of nodes, and for the forward solution. The 201
node activations (dash-dot lines) are hidden behind
the forward simulation results (red lines).
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Figure 3: Results for the predictive 2-D walking
simulation. Experimental data were not tracked.

The results for the 2-D walking simulation (Fig. 3),
while still preliminary, were also encouraging, with
ground reaction forces and joint angles that were in
reasonable agreement with experimental data.
However, convergence to an acceptable tolerance
was slow (>100 hr) using the fmincon solver.

CONCLUSIONS

The MATLAB-OpenSim interface provides a
powerful and flexible approach for generating
predictive musculoskeletal movement simulations
using the DC optimal control approach. We are
currently investigating replacing fmincon with the
IPOPT and/or SNOPT solvers [4], which should
substantially reduce the computational time needed
to generate the simulations.
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INTRODUCTION

An ankle-foot orthosis (AFO) is often prescribed to
patients with instability or weakness in the lower
leg to assist plantarflexion or dorsiflexion [1]. A
limited number of studies focuses on the optimal
stiffness of the AFO. It is known that excessive
AFO stiffness introduces buckling in the knee [1]. It
would be desirable to have the ability to predict the
effect of an AFO on the gait of a specific patient.
This would make customized prescriptions possible
and reduce the need for trial and error. Bregman et
al. used a simplified gait model and found that
patient energy cost might be reduced by choosing
the correct stiffness [2]. However, this model did
not have muscles.

In the present study, a dynamic musculoskeletal
model will be used to predict the effect of the
stiffness of the AFO on gait parameters. We
hypothesize that less muscular effort is required in
the lower leg with an increased stiffness in the AFO
due to the higher moment generated in the AFO.

METHODS

Predictive simulations of gait were performed with
a sagittal plane model having nine degrees of
freedom and 16 muscles. An open loop optimal
control problem was formulated to find a gait cycle
that minimizes a weighted sum of muscular effort
and deviation from normal gait kinematics. The
model and solution method were identical to [3], but
a full gait cycle was simulated. Also, tracking was
not performed on the ankle where the AFO was
applied, since this could make the muscles “fight”
the orthosis.

The optimal control problem was solved for an
able-bodied system with and without an AFO. The
AFO was modelled as a rotational spring that was

applied to one of the ankle joints. The stiffness of
the AFO ranges from 50 to 400 Nm/rad, similar to
the range of stiffnesses that were tested in [2].

RESULTS AND DISCUSSION

Figure 1 shows the ankle moment and muscle forces
in the lower leg of the predictive simulations. The
color of the line gets lighter with an increased
stiffness. The black line shows the result without an
AFO.
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Figure 1: Results of the predictive simulations of
gait with and without an AFO.

Figure 1 shows that the AFO decreases the force
required in the Tibialis Anterior during initial stance
significantly. However, there is little benefit of
having a higher stiffness, since the decrease is much
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higher between the no-AFO simulation and any
simulation with AFO. Also, the stiffness does not
have an effect on the size of the peak
Gastrocnemius and Soleus force during stance. Both
are lower than in gait without AFO, but there is no
significant effect of the stiffness.

It was found that this is due to the timing of the
moments that are generated by the AFO. During
push-off, the ankle angle is almost zero, so the AFO
IS not able to provide much assistance during this
phase. However, during the stance phase, when the
ankle angle is larger, the total ankle moment
increases with AFO stiffness.

The AFO stiffness has a significant effect on the
Tibialis Anterior force during the swing phase. The
muscle is counteracting the AFO to provide
sufficient toe-clearance, for which a dorsiflexion
angle is required. This suggests that a too large
stiffness is not beneficial, since it increases the
necessary force in the Tibialis Anterior.

There is also a significant effect of the stiffness of
the AFO on the Gastrocnemius and Soleus during
the initial and final phase of the swing phase. It was
found that this was due to the tracking of the
vertical ground reaction force, which requires a
nonzero ankle angle during the swing phase,
yielding a moment in the AFO. The Soleus and
Gastrocnemius were activated to reduce the total
ankle moment to 0. Further research is necessary to
find if this behavior is also present in reality, or if it
is an artifact of the cost function that was used in
the optimal control problem.

Studies on impaired patients walking with and
without an AFO confirm our finding that there is no
decrease in peak muscle force in the Gastrocnemius
and Soleus muscle [4]. Balmaseda et al., in a study
on healthy subjects, reported a reduction of the
mean stance phase duration of 4.83% with an AFO
compared to without an AFO [5]. This reduction is
confirmed by this study, which also yielded a
reduction in the stance phase of approximately 5%.
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CONCLUSIONS

The hypothesis that an increase in AFO stiffness
yields a decrease in muscular effort was not
confirmed. It was found that there was only little
effect of the stiffness of the AFO on the peak force
in the Gastrocnemius and Soleus.

Future studies should include a verification of these
results using a subject study, for example to see if
humans also increase their force in the
Gastrocnemius and Soleus during the swing phase.
If it is found that this is an artifact of the optimal
control problem, such results can be used to further
improve the formulation of suitable cost functions.
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INTRODUCTION

Achilles tendon injury is associated with pain,
functional impairment and an inability to return to
prior level of function in activities of daily living as
well as sport activity. Early viscoelastic recovery of
the tendon has been suggested to correlate with
functional gains following Achilles tendon rupture
[1]. Prior studies have been limited by an inability
to adequately measure tendon viscoelastic
properties non-invasively. A novel, non-invasive
ultrasound elastography technique using continuous
shear wave elastography (cSWE) has been
developed to measure viscoelastic properties of the
tendon [2,3]. This technique has been validated and
applied to a healthy population, however,
application of this technique to Achilles tendon
dysfunction has only been described in one subject
[2,3]. This study evaluated tendon viscoelastic
properties via ¢cSWE and functional capacity of
three subjects with Achilles tendon dysfunction.

METHODS

Three subjects with varying tendon pathologies
were included in this case series. This study was
approved by the University of Delaware
Institutional Review Board.

Subjects were examined by a licensed physical
therapist to confirm Achilles tendon injury. Tendon
geometry was obtained via B-mode ultrasound
imaging to measure tendon length from the
calcaneal notch to the soleus insertion and
gastrocnemius myotendinous junction. Viscoelastic
properties of the tendons were measured using
cSWE. Data was collected at eleven frequencies
(323, 340, 358, 379, 403, 430, 461, 496, 538, 586,
645 Hz) due to the variation in wave propagation of
healing tissue. Six frequencies which produced a

complete sine wave in the visualized region were
used in the calculation of shear and viscous moduli.

Subjects completed functional testing including the
heel-rise test for ankle plantar flexor muscular
endurance. This test has been found to correlate
with tendon length and functional outcomes [4].
Subjects completed questionnaires regarding self-
reported symptoms and function including the
Victorian Institute of Sport — Achilles Questionnaire
(VISA-A), the Achilles Tendon Total Rupture Score
(ATRS), and the Foot and Ankle Outcome Score
(FAOS).

RESULTS AND DISCUSSION

Case 1 is a 72 year-old male, presenting with
chronic, tendinopathic changes. Case 2 is a 56 year-
old male, presenting with Achilles tendinopathy.
Case 3 is a 25 year-old female, presenting seven
weeks status-post acute Achilles tendon rupture
currently undergoing conservative treatment.

Case 1

Case 2

Case 3

Figure 1: Viscoelastic map of shear modulus
superimposed on B-mode ultrasound image for the
symptomatic tendon in each of the three cases.
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Achilles tendon length, viscoelastic properties, heel-
rise test total work and maximum heel-rise height,
VISA-A and ATRS scores are included in Table 1.
Viscoelastic maps were constructed for each of the
subjects (Fig. 1). None of the subjects were able to
complete a unilateral heel-rise on their affected side.
FAOS scores are shown in Figure 2.

Foot and Ankle Outcome Score
Results

100
o RRNN
0

Pain Symptom ADL Sport/Rec QOL

mCase 1 Case 2 Case 3

Figure 2: Results of the FAOS for each case in
pain, symptom, activity of daily living (ADL), sport
and recreation, and quality of life (QOL) subscales.

CONCLUSIONS

Each of the three subjects included in this case
series were diagnosed with Achilles tendon injury.
Two demonstrated varying severity of Achilles
tendinopathy and one was status-post acute Achilles
tendon rupture. All subjects demonstrated
differences in shear and viscous moduli compared
to their asymptomatic side. All subjects also
demonstrated decreased functional performance as
evidenced by the inability to perform a single heel
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rise and by subject self-report using the VISA-A,
ATRS and FAOS.

This is the first study to identify differences in
Achilles tendon viscoelastic properties using the
cSWE technique and associate them with clinical
outcomes in an unhealthy population. Additional
studies with larger subject numbers are required to
identify whether there are correlations between
viscoelastic properties and functional outcomes and
whether these properties change over time with
healing.
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Table 1: Tendon geometry, viscoelastic properties, and total work performed with the heel-rise test in three
case subjects (symptomatic/asymptomatic sides).

Case | Length to | Length to Shear Viscosity Heel-Rise — | Heel-Rise — VISA-A or
Soleus Gastroc. Modulus Total Work | Max Height | ATRS Score

1 99 cm/ 244 cm/ 73.55 kPa/ 16.6 Pa-s / 0J/ 0Ocm/ VISA-A: 25/100
10.6 cm 22.6 cm 141.42 kPa 51.3 Pa-s 1234.9] 9.9 cm

2 8.6 cm / 21.4 cm/ 88.68 kPa/ | 25.2 Pa-s/ 0J/ 0cm/ VISA-A: 52/100
9.9 cm 21.0 cm 122.62 kPa | 48.8 Pa-s 1185.53 J 10.7 cm

3 8.6 cm/ 2l.4cm/ 101.22 kPa/ | 28.3 Pa-s/ 0J/ 0Ocm/ ATRS: 43/100
4.2 cm 19.0 cm 92.69 kPa 68.4 Pa-s Not tested Not tested
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INTRODUCTION

The Achilles tendon (AT) moment arm is an
important biomechanical measure that converts
gastrocnemius and soleus muscle forces into a joint
moment at the ankle, ultimately contributing to the
generation of mechanical power during walking.
However, existing measurements of the AT moment
arm are limited to isolated ankle exercises, which are
then assumed to apply during walking [1-4]. For
example, current modeling approaches presume a
kinematic AT moment arm that increases with
plantarflexion over the range of motion observed in
walking. Yet, recent evidence suggests that the
relation between AT moment arm and ankle joint
rotation is load dependent and varies significantly
from rest with increasing muscle activity [2]. Thus,
the AT moment arm may vary in a complex manner
during gait, reflecting considerable and compound
changes in joint angle and muscle forces.

Our purpose was to couple ultrasound imaging and
quantitative motion capture to dynamically estimate
the AT moment arm in vivo during walking. We
hypothesized that the AT moment arm varies
considerably during walking, but not as a strict
kinematic function of ankle joint angle.

METHODS

Ten healthy, young adults (age: 23.9 £ 4.0 years; 6
males and 4 females) walked barefoot at 1.25 m/s on
a dual-belt, force measuring treadmill. A custom
orthotic positioned a 38 mm linear array transducer
over the free AT of subjects’ right leg, on average ~6
cm superior to the calcaneal insertion (Fig. 1). For
each subject, we recorded ultrasound radiofrequency
(RF) data at 155 frames/s over five strides. In
synchrony, an 8-camera motion capture system
(Motion Analysis, Corp., Santa Rosa, CA) recorded

the 3D trajectories of retroreflective markers placed
on subjects’ pelvis, right and left legs, and the
ultrasound  orthotic.  We  also  collected
electromyographic (EMG) activities of the lateral
gastrocnemius and soleus.

We manually tracked the superficial and deep edges
of the AT at three locations (proximal, middle, and
distal) using down-sampled (2x) B-mode images
created from the RF data. We defined the AT midline
as the best fit line through the average of the
superficial and deep tendon edges. We defined the
right ankle joint center as the midpoint of the lateral
and medial malleoli markers. Finally, by
transforming the ultrasound, orthotic, and motion
capture Kinematics into a common reference frame,
we estimated the AT moment arm over the gait cycle
as the perpendicular distance from AT midline to the
ankle joint center (Fig. 1). A repeated measures
ANOVA tested for significant (p<0.05) main effects
of gait cycle phase (20% bins) on estimates of the AT
moment arm.

Proximal

Distal «———— 38 mm —

AT Midling ——

Figure 1. We used ultrasound imaging and quantitative
motion capture to estimate the AT moment arm during
treadmill walking at 1.25 m/s.
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RESULTS AND DISCUSSION

We found that the AT moment arm varied
considerably during walking, increasing
significantly and progressively from initial contact
until after toe-off (Fig. 2B) (p<0.001). The
progressive increase in AT moment arm during
stance corresponded with increasing plantarflexor
muscle activity (Fig. 2A). In addition, the AT
moment arm reached its maximum near the instant of
peak plantarflexion. However, as hypothesized, and
in contrast to current musculoskeletal modeling
approaches, the AT moment arm during walking
could not be expressed as a strict function of ankle
joint angle (Fig. 2C). Our results imply that the AT
moment arm varies with load during gait,
presumably arising from a co-interaction between
gastrocnemius and soleus forces and ankle angle.

Interestingly, we do observe some similarities
between the AT moment arm measured during
walking and that during isolated ankle exercises. For
example, the AT moment arm immediately after
initial contact, an instant of negligible muscle force
[5], coincides with that previously reported at rest for
the same joint angle (Fig. 2C) [1]. Additionally, the
AT moment arm during late stance, when the AT is
maximally loaded [5], corresponds to that reported
during MVC at the same joint angle [1].

By measuring the AT moment arm in vivo during
gait, we might better elucidate the relation between
muscle-tendon architecture and performance. For
example, the AT moment arm is modestly correlated
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with walking speed in slower old adults [6], a change
that may contribute to diminished ankle power
output seen in this population. This potential link
between musculoskeletal geometry and performance
can be directly tested using the proposed in vivo
measurements during gait.

CONCLUSIONS

We provide evidence that the AT moment arm during
walking is load dependent, likely reflecting
compound changes in joint angle and muscle forces.
Our results have important implications for the
development of musculoskeletal models, suggesting
that the AT moment arm measured during isolated
ankle exercises may not accurately predict that
during walking. Moreover, measuring the AT
moment arm in vivo during walking has the potential
to provide new and mechanistic insight into triceps
surae muscle-tendon performance.
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INTRODUCTION

Low back disorders (LBD) remain one of the most
prevalent, debilitating, and costly public health
problems. Excessive mechanical loading on the
lumbar intervertebral discs is a major risk factor for
causing LBD. Assessment of the disc loading or
deformation in vivo during functional activities is
challenging. Most prior studies have either used
models to predict the disc forces without taking into
account the disc deformation [1] or have examined
the force-deformation relationship in vitro by
cadaveric tests and used the data to verify finite
element model (FEM) predictions [2]. One study
quantified the lumbar disc deformation in vivo but
only for static positions [3]. We have recently
succeeded in measuring 3D continuous lumbar
vertebral kinematics in vivo during lifting activities,
using a dynamic stereo-radiography system [4]. The
purpose of the current study was to characterize the
lumbar intervertebral disc deformation based on the
skeletal kinematics data acquired.

METHODS

We used data of 8 asymptomatic subjects (5 male, 3
female; age: 24+2 years) who performed a straight-
legged lifting motion and static standing trials while
a dynamic stereo-radiography system captured their
lumbar vertebral kinematics at 30 Hz. Data of two
trials of lifting a 10-lbs load and one trial of static
upright standing with no load were included. The
recorded dynamic radiographic images were then
processed using a volumetric model-based tracking
procedure, resulting in 3D motion data of the
vertebral bones (from L2 to SI). Details of the
experimental setup, data acquisition, and data
processing were described in a prior publication [4].

The intervertebral disc deformation was defined
based on the relative motion between adjacent
vertebral endplates, with the static position in
upright standing as the reference state (Fig. 1). The
disc was modeled by line segments (grey lines)
perpendicular to the average (blue line) of planes fit
to the adjacent endplates (red lines) in the static
upright position [5]. The disc height was calculated
at over 100 discrete line segments that were evenly
distributed in the anterior-posterior direction
throughout the mid 1/3™ of the disc. Line segments
representing the disc remained connected to the
endplates as the vertebrae moved relative to each
other. The deformation at each time frame was
decomposed into two orthogonal components:
compression and shear component; the percent
change in length in the compression direction with
respect to the static position was then determined

(Fig. 2).

compression

L5 /

Figure 1: Definitions of the compression and shear
components of disc deformation as a result of intervertebral
motion. Deformation is exaggerated for visualization purpose.

Disc deformation was analyzed for three 2mm
radius circular areas (most anterior, central, and
most posterior) consistently defined within each
disc. The line segment within each circle
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experiencing the median compression-distraction at
the beginning of dynamic motion was selected and
tracked throughout the rest of lifting. The
correlation between disc deformation and extension
was determined for each motion segment for each
participant.

RESULTS AND DISCUSSION

The anterior compression and posterior distraction,
computed as disc height percent changes from the
upright standing posture, were greatest at the
beginning of a lift where the lumbar spine was most
flexed (Fig. 2). The average maximum disc
compression and distraction were comparable
across L2-L5, but were distinctively less at L5-S1
(Table 1). The anterior compression and posterior
distraction reduced, in a relatively linear fashion,
with the progression of lifting (see ranges of R’
values in Table 2).

Table 1: Maximum lumbar disc deformation.

Disc Max Compression Max Distraction
Mean=SD Mean+SD
L2-L3 -34% (£25%) +65% (£34%)
L3-L4 -36% (£22%) +70% (£44%)
L4-L5 -38% (x11%) +59% (£18%)
L5-S1 -17% (£12%) +30% (x12%)

Table 2: Ranges of R” values quantifying the
correlation between deformation and extension.

Disc Anterior Compression  Posterior Distraction

L2-L3 90 - .98 79-.99
L3-L4 .82-.98 .90 - .98
L4-L5 75-.99 .88-.99
L5-S1 44 - .99 .61-.99
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Minimal deformation changes were incurred in the
central areas of the discs, which on average varied
from -4% to +6%, during the lifting motions.

The results that the L5-S1 disc experiences much
less deformation change during a lifting motion may
point to one or both of the following interpretations:
(1) it is under significantly more pre-stress and
deformation at the static positions, therefore
reducing the appearance of compression-distraction
change throughout the flexion; (2) the L5-S1 disc
has distinctively different structural or material
properties (e.g., is stiffer) than the other discs.

CONCLUSION

This study quantified the lumbar intervertebral disc
deformation in vivo during lifting motions, showing
that the discs underwent substantial deformation in
the anterior and posterior regions while the L5-S1
disc exhibited unique deformation characteristics in
comparison to the L2 to LS5 lumbar discs.
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INTRODUCTION

Structural damage to the annulus fibrosus is
commonly observed in degenerated intervertebral
discs (VD) [1]. Approximately 40% of low back
pain cases are attributed to internal disc disruption
[2], which is characterized by damage to the internal
structure of the IVD and is the precursor of
herniation. Previous studies have proposed damage
progression mechanisms by examining the magnitude
of microstructural damage [3,4]. Results from these
studies suggest that herniation initiates from a
formation of clefts within the intralamellar matrix [3]
and the most severe damage occurs in the inner
annulus fibrosus [4]. However, both these studies
only examined herniated discs, and only
qualitatively. Therefore, it is unknown how this
microstructural damage accumulates over a protocol
known to induce herniation and whether the
magnitude of damage can be quantified. The purpose
of this study was to quantify microstructural
damages to the annulus fibrosus at various time
points during a herniation protocol in order to
characterize accumulation of clefts (number, area,
length, and major to minor axis ratio) leading up to
IVD herniation.

METHODS

Ten porcine cervical functional spine units (mean
age = 6 months; C3-C4 and C5-C6), each consisting
of two adjacent vertebrae and the intervening 1VD
were used in this study. There were five loading
conditions: 4000, 3000, 2000, and 1000 cycles of a
herniation inducing protocol (1500 N load control; 1
Hz flexion-extension cycle), and pre-conditioning
only as a control (preload at 300 N for 15 minutes
followed by four cycles of passive flexion-extension
test). Previous studies have shown that
approximately 80% of porcine specimens partially
herniate between 3000 and 7000 cycles of this
protocol, suggesting that development of
macrostructural damage would be captured within
the design of the study [5,6].

Following the loading protocol, three tissue samples
were excised from the posterior regions of the discs.
These tissue samples were embedded in Optimum
Cutting Temperature compound (Tissue-Tek OCT,;
Sakura Finetek, Torrance, CA, USA) and frozen in
liquid nitrogen. Each frozen specimen was serially
sectioned into 10 um thick slices in the frontal
(superficial and deep layers) and sagittal planes and
stained with hematoxylin and eosin (H&E). Each
section was examined using a digital camera
(PixeLink, Ottawa, ON, Canada) linked to a
brightfield microscope (Nikon Instruments Inc.,
Melville, NY, USA) and captured using Image
ProPlus analysis software (Media Cybernetics,
Rockville, MD, USA) (Fig.1). Three representative
images were taken from each section and processed
using a custom Matlab program. A Gaussian Mixture
Model was used to identify the cluster for the clefts,
and four cleft properties were calculated: i) number
of clefts, ii) major axis length, iii) cleft area, and iv)
major to minor axis ratio. The average and standard
deviation of each dependent variable was calculated
to demonstrate the trend across different time points
during the herniation protocol.

RESULTS AND DISCUSSION

From 1000 to 3000 cycles, the number of clefts
increased (over 300% increase or appearance of
more than 55 clefts), while there were minimal
increases in major axis length (< 9 um) and cleft area
(< 33 um?), suggesting that number of clefts may be
an indicator of the magnitude of microstructural
damage (Fig.2).

Despite the lack of any mechanical loading, the
number of clefts and cleft length were higher in
control (zero cycle; pre-condition only) compared to
the 1000 and 2000 cycle conditions. In addition, the
average cleft area was similar between control and
3000 cycles (< 10% difference). However, when
comparing the total area (sum of each cleft area), it
increased from control to 3000 cycles by
approximately 40% in both superficial and deep
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layers. By examining the images qualitatively, this
trend can be explained: gaps (inherent imperfections)
between collagen fibers were visible when the fibers
were still crimpled in the control condition (Fig.1),
whereas after 1000 and 2000 cycles, the collagen
fibers stretched to the point where these gaps
disappeared. By 3000 cycles, the fibers began to pull
apart, forming ellipse-shaped clefts, which resulted
in larger total cleft area (Fig.1).

Figure 1: Images from the superficial layers in control
(left) and 3000 cycle (right) conditions, highlighting the
difference between inherent and mechanical loading-
induced clefts, respectively.

From 3000 to 4000 cycles, a prominent decrease in
the number of clefts and increases in major axis
length and cleft area were observed (Fig.2),
suggesting a shift from accumulation of small clefts
to formation of larger clefts by the joining of minor
clefts. The number of clefts decreased to
approximately half while the length and area
increased by almost two- and seven-fold,
respectively. The ratio between major and minor
axes demonstrated less than 10% change on average,
indicating that the shapes of clefts remained similar.

These results, taken together suggest that micro-
structural damage progresses predominantly due to
the increases in number of clefts, as opposed to
major axis length or cleft area increases, similar to
the mechanisms reported for bone crack initiation
and propagation [7]. Overall, changes seen between
the conditions were similar between superficial and
deep layers; however, the damage in the superficial
layers appears to be larger. A study examining the
amount of radial bulge using MRI demonstrated that
the superficial layers bulge out more than the deep
layers by approximately 80% (0.2 mm) in flexion

Back to ToC

[8], suggesting that the superficial layers may be
more susceptible to accumulation of microstructural
damages during the cyclic flexion-extension protocol
as used in this study. Although some trends have
emerged from this study, only a limited number of
specimens have been collected. Further investigation
IS necessary to provide insight into why a number of
degenerated discs exhibit inward collapse of the
inner annulus fibrosus (inter-lamellar damage) as
well as damage to the anterior annulus fibrosus.
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Figure 2: The average number of clefts (top) and major
axis length (bottom) across different loading cycles for
the deep (blue) and superficial (red) layers.

CONCLUSION

A pathway leading up to IVD herniation may be
explained by accumulation of small clefts that bridge
to form major clefts - not an expansion of a single
cleft.
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INTRODUCTION

The medial collateral (MCL) and anterior cruciate
ligaments (ACL) are primary and secondary
ligamentous restraints against knee abduction
during gait, respectively.[1] Knee abduction is an
ACL injury risk predictor and component of valgus
collapse, which is often observed during ACL
rupture.[2] The MCL is a primary ligamentous
restraint to knee abduction at knee flexion angles
under 30°. Despite this, MCL ruptures only occur
concomitantly in 20-40% of ACL injuries.[3] The
purpose of this investigation was to understand how
athletic tasks load the knee joint in a manner that
leads to ACL failure without concomitant MCL
failure. The hypothesis tested was that the ACL
would provide a greater overall contribution to
intact knee forces than the MCL during simulated
motion tasks. A second tested hypothesis was that
the ACL would demonstrate greater relative peak
strain than the MCL during simulated motion tasks.

METHODS

A 6-degree-of-freedom  robotic  manipulator
articulated 18 cadaveric knees from 11 unique
donors (age = 47.6 = 7.3 years; mass = 829 + 199
N) through simulations of kinematics recorded from
in vivo athletic tasks.[4] Four athletic tasks were
simulated (male drop vertical jump (DVJ), female
DVIJ, male sidestep cutting, and female sidestep
cutting) while recording forces, torques, and
changes in ligament strain simultaneously.
Specimens were tested in both intact-knee and
isolated-ligament conditions. The isolated ligament
condition was also used to identify each ligament’s
neutral strain position, allowing the absolute
ligament strain throughout each motion to be

determined. Following simulation, a uniaxial
servohydraulic system tensioned each ACL and
MCL to failure along their fiber orientations at a
strain rate of 20% per second. Univariate ANOVA
was used to evaluate statistical significance (a <
0.05) between the ACL & MCL within each
robotically simulated task.

RESULTS AND DISCUSSION

During a DV]J in the intact-knee, the ACL showed
greater peak strain than the MCL (6.1% vs. 0.4%; P
< 0.01). Greater peak ACL strains were also
observed during sidestep cutting tasks (5.4% vs.
0.5%; P = 0.02). In all simulated tasks for the
intact-knee, the ACL was continuously under
greater strain than the MCL throughout the duration
of landing phase (Figure 1). The isolated-ACL
condition also showed greater peak anterior force
(4.8% bodyweight vs. 0.3% bodyweight; P < 0.01),
medial force (1.6% bodyweight vs. 0.4%
bodyweight; P < 0.01), flexion torque (8.4 N*m vs.
0.4 N*m; P <0.01), abduction torque (2.6 N*m vs.
0.3 N*m; P < 0.01), and adduction torque (0.5 N*m
vs. 0.0 N*m; P = 0.03) than the isolated-MCL
condition. During uniaxial tensioning, ACL
specimens preferentially loaded in the AM-bundle
exhibited plastic strain of 28.0% and failure strength
of 637 N, while MCLs exhibited plastic strain of
15.0% and failure strength of 776 N.

The data confirmed the hypothesis that the ACL
would make larger mechanical contributions to knee
joint restraint during athletic tasks than the MCL.
Irrespective of gender, DVJ and sidestep cutting
tasks generated significantly greater peak loads in
the ACL than in the MCL. This confirms previously
reported bias in ligament loading ratios.[5]
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Figure 1: Population average absolute strains for the ACL (red) and MCL (blue) in the intact-knee (solid) and isolated-
ligament (dashed) condition throughout each simulated motion task. Throughout the majority of simulated tasks, the MCL

was unstrained, while the ACL expressed up to 6.3% strain.

ACL:MCL loading ratios were exacerbated as the
level of rigor for the simulated task increased.
During the DVJ the mean ACL:MCL strain ratio
was 15.3 while the sidestep cut ratio was 10.8. The
increased ratios in the present study were the result
of minimal strain being observed on the MCL
throughout each simulation.

The ACL contributed significant torque (> 1.0
N*m) to the flexion and abduction DOFs, but not to
internal torque resistance. Significant evidence, has
supported valgus collapse as a primary mechanism
of noncontact ACL injury.[2] In the present
simulation model, the ACL made significant
contributions (force > 1.0% bodyweight) to the
anterior and medial forces. This corresponds with
previous literature that identifies the ACL as a
primary resistor to anterior tibial translation and a
secondary resistor to medial tibial translation.[1]

CONCLUSIONS

Data from this investigation demonstrated the
relative contributions of the ACL and MCL to knee
joint restraint during simulated in vivo athletic tasks.
In these controlled physiologic athletic tasks, where

no ligament damage was inflicted on the specimen,
the ACL provided greater contributions to knee
restraint than the MCL, which was generally
unstrained and minimally loaded. The current
findings support that multi-planar loading during
athletic tasks preferentially loads the ACL over the
MCL, leaving it more susceptible to injury. A
greater understanding of joint loading during in vivo
tasks may provide insight that improves the efficacy
of injury prevention protocols.
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INTRODUCTION

The anterior cruciate ligament (ACL) serves as the
primary soft tissue restraint to anterior tibial
translation and as a secondary restraint to motion in
additional degrees of freedom in the knee, while the
medial collateral ligament (MCL) is aligned to
primarily resist knee abduction.[1] Unfortunately,
data extracted from various methods of mechanical
knee simulations is not consistent.[2] However,
novel methods of in vitro simulation driven by in
vivo recorded kinematics have recently been
developed to directly investigate knee mechanics
during athletic tasks that may relate to ACL
injury.[3] The purpose of this study was to apply
robotically-controlled kinematic stimuli to joint
orientations derived from in vivo recorded athletic
activities of landing and pivoting in order to
determine the effects of abduction, internal, and
combined rotations on knee ligament biomechanics.

METHODS

In vivo kinematics were recorded for male and
female athletic tasks using 3D motion capture.
Kinematics were filtered and processed to be usable
in robotic simulation.[3] 17 cadaveric lower
extremities from 11 unique donors were obtained
from an anatomical donations program and accepted
for use in this study (age = 47.6 = 7.3 years; mass =
829 + 199 N). A six-degree-of-freedom robotic arm
and custom mechanical fixtures were used to drive
each specimen to the male- and female-specific
initial contact orientations recorded for drop vertical
jump (DV]J) and sidestep cutting tasks. The robotic
manipulator then sequentially applied isolated +4°
rotational perturbations to the tibia in the frontal and
transverse planes. Combined abduction/internal and

adduction/external perturbations were also applied
to each joint. Throughout each perturbation, joint
forces and torques were recorded by a six-axis load
cell aligned with the tibial axis and ligament strains
were recorded by differential variable force
transducers implanted on the ACL and MCL. A 2 x
3 ANOVA with a least significant difference post-
hoc analysis evaluated significant differences (a <
0.05) in ligament strain and joint loading between
motion task and type of rotational perturbation.

RESULTS AND DISCUSSION

Perturbations ordered from greatest to least strain
induced on the ACL were abduction/internal,
abduction, adduction, internal, adduction/external,
and external rotation (Figure 1). However, strain
differences between each incremental perturbation
were not statistically significant and only
abduction/internal  perturbation  strains = were
significantly different than neutral alignment. Mean
change induced by internal rotation was 1.01% less
than abduction rotation, which was 0.26% less than
combined abduction/internal rotation.

MCL strain significantly increased relative to the
neutral orientation only when abduction and
abduction/internal perturbations were applied.
Adduction and combined adduction/external
rotations completely unstrained the MCL. The MCL
exhibited less change in strain than the ACL during
external, internal, adduction, and adduction/internal
perturbations. Similarly, the MCL exhibited smaller
strain magnitudes than the ACL in all conditions
apart from isolated abduction perturbation.

The ACL was most susceptible to combined
abduction/internal perturbations as their magnitude
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Figure 1: Displays the mean change (relative to the neutral position) in ACL (top) and MCL (bottom) ligament strain
generated in the intact knee by each rotational stimuli. For the ACL, the mean strain changes were -0.5% external, 0.5%
internal, 1.5% abduction, 0.8% adduction, 1.8% combined abduction/internal, and 0.2% combined adduction/external. For
the MCL, the mean strain changes were -0.0% external, 0.1% internal, 1.8% abduction, -0.8% adduction, 1.8% combined
abduction/internal, and -1.0% combined adduction/external. * indicated significant differences between ligaments.

of effected strain change was respectively 239%
and 116% larger than isolated internal or abduction
perturbations. This trend is supported by previous
literature.[2] Transverse plane stimuli produced a
linear range of strain change in the ACL, but this
was not true of frontal plane rotations as both
abduction and adduction perturbations increased
ACL strain. Therefore, any frontal plane deviation
from a neutral path throughout motion is likely to
increase load on the ACL.

The present study corroborated that the MCL serves
as the primary resistor to pure knee abduction
rotation as this was the only perturbation that
produced significant strain differences in the MCL.
The generally reduced response of MCL strain to
rotational stimuli may help explain why MCL
failure is only observed in 20-40% of ACL failures
despite a shared abduction loading mechanism.[4]

CONCLUSIONS

Combined abduction and internal rotations had the
greatest influence on ACL strain. Isolated abduction

produced larger magnitudes of change than isolated
internal rotation, though the differences were not
statistically significant. Therefore, reduction of knee
valgus through a neutral knee alignment during
athletic tasks should be a focus of ACL injury
prevention programs. Also, knee abduction had the
greatest influence on MCL strain; however, the
MCL generally expressed less absolute strain than
the ACL, which may be indicative of how and why
ACL failure often occurs without MCL injury.
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INTRODUCTION

During treadmill walking, step width variability is a
“robust indicator of step-to-step balance” [1]. This
is underscored by the significant relationship
(R>=0.54) between step width and mediolateral
kinematics of the trunk, a segment representing
more than 50% of body mass [2]. Step width
variability, generally calculated as a standard
deviation, ignores the possibility of important
information related to gait dynamics that may be
imbedded in the step-to-step variations. Such
variations in step time have been characterized by a
shift from long-range correlations reflective of
“healthy performance variability”, i.e., pink noise,
toward less complex, uncorrelated white noise.
These shifts have been widely reported and linked
to aging and fall-risk [3]. We have observed
decreased fractal-like, 1/f properties of step width
during treadmill walking associated with both age
and with simultaneous performance of a cognitively
demanding task (unpublished).

The gait of lower extremity amputees, who have a
higher risk of falls than non-amputees, is generally
characterized by larger step width [4,5] and larger
step width variability [5] than that of non-amputees.
In the present work we conducted a secondary
analysis to establish if the fractal-like 1/f properties
of step width during treadmill walking by transtibial
amputees varies from that of non-amputee control
subjects.

METHODS

Fourteen male military service members with
traumatic unilateral transtibial amputations (TTA)
and a control group of 12 male non-amputee
military service members, walked for 10 minutes in

a Computer-Assisted Rehabilitation Environment
(CAREN; Motek Medical BV, Amsterdam, the
Netherlands). CAREN is a fully immersive virtual
environment that includes a 6 DOF motion platform
and dual-belt instrumented treadmill. A visual
input, synchronized to the subject’s treadmill
walking velocity (Froude number = 0.2) was
projected onto a 180 degree visual surround (Figure

1)

Figure 1: Subject walking in the CAREN
at the Naval Health Research Center in
San Diego [6].

The step width time series for the 10 minute
walking trial was calculated from the trajectories of
and markers located on the heels collected using a
14 camera motion capture system operating at 120
Hz (Motion Analysis Corp, Santa Rosa, CA USA).

Three dependent variables were extracted from the
step width time series, the average step width and
its standard deviation (step width variability), and a
variable, B, representative of the randomness of the
time series (Fig.1). [ was computed by first
converting the step width time-amplitude series to a
frequency-amplitude power spectrum, which was
then log transformed. The resulting data were fit
using linear regression. The regression coefficient
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from the regression, 3, was used as an index of the
extent of signal randomness where as 3 approaches
zero the signal approaches the characteristics of
white noise. In contrast, as  approaches 1.0, the
signal approaches the characteristics of pink noise,
reflective of activity of multiple interacting control
systems acting over different temporal and/or
spatial scales [7].
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Figure 1: (Top panel) Time series of step width (n=1124) of a
non-amputee subject. (Middle panel) Power spectrum of step
width time series. (Bottom panel) Log-transform of power
spectrum data with the linear regression line, the slope of
which, B, is interpreted to reflect the presence of randomness
in the original time series.

The presence of between-group differences for the
dependent variables were examined using three
independent t-tests. Pearson correlation coefficients
were computed to characterize the co-dependency
of the dependent variables.

RESULTS AND DISCUSSION

Contrary to expectations, the step width of the TKA
subjects (135+£36 cm) was not significantly different
than that of the control subjects (147431 cm).
However, the step width variability of the TKA
subjects was significantly larger (34+7 cm) than that
of the control subjects (28+7 cm).

B revealed an unexpectedly large presence of
randomness for both the TKA and control group
subjects, the between-group difference (TKA
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subjects:-0.52+0.14; control subjects: -0.51+.0.16)
of which was not significant. This was not expected
because, in our preliminary work, B ranged between
-0.85 and 1.0 for young subjects during conditions
that included normal treadmill walking, narrow base
of support treadmill walking and treadmill walking
while performing an attention-demanding task.

The largest contributor to this outcome may be the
between-site differences in the testing environment,
which includes the design and dimensions of the
treadmill. The width of the CAREN treadmill is
almost 2X than that of the previously used
treadmill. Although the larger presence of
randomness may reflect more entrainment of gait
dynamics on the CAREN treadmill, it is not clear
why, or even if, treadmill dimensions would modify
this effect in a frontal plane gait variable.

Ultimately, the potential clinical utility of this
measure will be defined by the extent to which it is
affected by the variations specific to environment in
which the primary data are collected as well as the
relationship between [3 collected in these
environments and that which occurs during
community-based ambulation.
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INTRODUCTION

Cognitive and motor functions are not independent
processes. For example, the attentional demands of
dual-tasking can influence the control and quality of
gait [1, 2]. Among healthy individuals, common
effects of dual-tasking on gait include reduced
walking speed and increased gait variability; such
deviations in gait with secondary tasks are often
more pronounced in populations with cognitive or
motor impairments [2].

Learning to walk with a prosthetic device following
lower limb amputation likely imposes distinct
challenges on cognitive and motor functions;
however, the effects of dual-tasking on gait in this
population are not well understood. Our preliminary
data suggest limited biomechanical adaptations to
dual-tasking in persons with amputation, though we
hypothesized factors associated with forcing a
consistent gait (treadmill) speed throughout the
tasks confounded the results. Therefore, the
objective of this study was to investigate the effects
of dual-tasking on gait speed in persons with
unilateral transtibial amputation (TTA) and able-
bodied controls using a self-paced treadmill
application. We posited that allowing participants to
modulate walking speed, rather than forcing to a set
pace, would better capture influences of dual-
tasking during gait, and that variations in gait speed
would be larger among persons with vs. without
TTA across tasks.

METHODS

Five persons with traumatic, unilateral TTA, and
nine able-bodied controls, completed a repeated
measures design in which each participant
completed three 2-minute walking trials while
performing secondary tasks (“easy” and ‘“hard”) —
each involving distinct attentional demands — and a

no task (“baseline”) trial. For the easy task, a single
object was displayed on a screen within direct line-
of-sight with changing shapes and participants were
asked to press a button whenever a square appeared.
For the hard task, two objects were displayed
simultaneously, with individually changing shapes
and colors, and participants were asked to press a
button when both objects were either the same
shape or same color. The no task condition
consisted of a constant blue target, requiring no
active response.

A self-paced treadmill speed algorithm was used
within the Computer Assisted Rehabilitation
Environment (CAREN; Motek Medical BV,
Netherlands), which controls belt speed by tracking
anterior-posterior pelvic position, velocity, and
acceleration [e.g., 3]. Following a 4-minute
acclimation period, participants walked for 2
minutes in each condition (in a random order).
Treadmill belt speed was collected (300 Hz)
continuously throughout each trial, and used as a
proxy for gait speed [4]. Mean and standard
deviation of belt speed — and their ratio (coefficient
of variation; CV) — were computed in 20s windows
throughout each trial, to compare among tasks and
between groups. All participants provided written
informed consent, and all study procedures were
approved by the local IRB.

RESULTS AND DISCUSSION

Decreases in walking speed, and increases in gait
variability, are common gait changes with dual-
tasking [1, 2]; however, the current results did not
fully support this finding. While walking speed was
initially slower in the hard condition among controls
(Fig. 1), they generally approached, over time, a
similar speed regardless of task. In contrast, persons
with TTA tended to walk faster in the easy/hard
conditions relative to no task (Fig. 1), and never
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approached a similar speed over time. Overall,
walking speed variability, as evidenced by the CV,
was also larger among persons with TTA vs.
controls (Fig. 1); in both groups, these tended to
decrease with time and secondary task difficulty.
Faster gait speeds with secondary tasks among
persons with TTA suggest these individuals may
differentially prioritize cognitive and motor
functions. Additionally, the attentional demands of
the secondary tasks appear to influence the
variability in gait speed, whereby both groups (but
especially those with TTA) walked with more
variability in the no vs. easy/hard tasks.

Several other factors should be considered when
interpreting the results. Changes in mean gait speed
and its variability, over time, may be more related to
treadmill habituation than dual-tasking [5]; although
participants completed a 4-min acclimation period,
additional habituation time may be required. The
secondary tasks used here were also visually
dependent; objects were displayed on a blank
screen, and did not incorporate optical flow within
the virtual environment [6]. Finally, the presence of
a harness (though not weight supporting) can
influence gait variability and confidence in walking
ability [7], perhaps ‘“encouraging" participants to
walk faster than they otherwise would unrestrained
(e.g., psychologically minimizing the consequence
or fear of falls). Additional biomechanical analyses
are needed to better understand how these

15 v
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individuals modulate walking speed while dual-
tasking, as well as to determine the specific
influences of these additional factors.
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INTRODUCTION

Non-amputee runners increase leg stiffness (kicp)
and decrease contact time (t.) to achieve faster
running speeds [1, 2]. Kram and Taylor [3] suggest
that longer t. reduces the rate of muscular force
production, thereby facilitating the recruitment of
slower more economical muscle fibers which
decreases the energetic cost of running. Thus, it is
likely that a lower ki, (and longer t;) reduces the
metabolic cost of running.

While running with passive-elastic running-specific
prostheses (RSPs), bilateral transtibial amputees
have a lower ki, with faster running speeds [2].
Due to the singular stiffness of a given RSP, it is
suggested that RSPs dominate ki, thus runners
with bilateral leg amputations may be able to alter
their metabolic cost of running by changing the
stiffness of their RSPs. We hypothesize that using
RSPs with lower stiffness will reduce the metabolic
cost of transport (CoT) during running in runners
with bilateral leg amputations. Also, we were
curious how RSP model or height affect CoT, and
due to insufficient evidence, we hypothesize that
neither RSP model nor RSP height will influence
CoT. To test our hypotheses we measured metabolic
demand, ground reaction forces (GRFs), stride
kinematics, and ki, from runners with bilateral leg
amputations using RSPs that varied by model,
stiffness category, and height.

METHODS

Three male runners with bilateral transtibial
amputations participated. We obtained informed
written consent, and then a certified prosthetist fit
each subject with three RSP models (RSP1, RSP2,
RSP3) at the recommended and =1 stiffness
categories. The height of each RSP was set to match
the tallest allowed standing height as determined by

the International Paralympic Committee [4] and +2
cm. If the shortest attainable height for a RSP model
was taller than recommend, the shortest height was
used for that subject/model; then we altered RSP
height by +2 cm, and +4 cm.

On days following the fitting session, subjects
performed 5 min running trials on a force-
instrumented treadmill at either 2.5 m/s (n=2) or 3.0
m/s (n=1). Each trial was completed using a
different RSP model, stiffness category, and height
combination. First, subjects ran using the
recommended height while RSP model and/or
stiffness categories were changed. Then, RSP height
was altered £2 cm (or +2 cm, +4 cm) at the optimal
stiffness category; the stiffness category that elicited
the lowest CoT. All trials were randomized.

We used indirect calorimetry to determine net
metabolic power from the average metabolic rates
during the final 2 min of each trial [5]. We
converted average net metabolic power to work and
divided by the product of mass and running speed,
yielding CoT in J/kg/m.

We measured GRFs from 10 consecutive strides
during the last 2 min of each trial. We combined the
average GRFs from both legs, sampled at 1000 Hz,
and processed them using a custom MATLAB
script. We calculated ki, according to [6]. A
statistical linear mixed model was used to determine
the associations of RSP model, stiffness category,
and height on CoT. We also compared the effect of
RSP stiffness category on peak kig, peak vertical
GRF (vGRF), and peak displacement of the leg-
spring (AL).

RESULTS AND DISCUSSION

For every one reduction in RSP stiffness category,
CoT decreased by 5.1% (p<0.01) (Fig. 1).
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Moreover, with our limited number of subjects
(n=3), we were unable to detect significant effects
from either RSP model (p=0.14) or height (p=0.59)
on CoT. Based on our current sample size, our data
support our hypotheses that RSP stiffness, but not
model or height, influence CoT.
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Figure 1. Mean (+SEM) net metabolic cost of
transport (CoT) as a function of RSP stiffness
category (C) for three RSP models. Dashed line is
the regression line (CoT =3.90 + 0.20 X ARec C).

kieg increased linearly with RSP stiffness (p<0.01)
(Fig. 2). Across all conditions, ke increased by 6%
with a one category increase in RSP stiffness.
Interestingly, peak vGRF was independent of
changes in RSP stiffness category (p=0.60).
Therefore, the decrease in ki, was primarily due to
a 7.5% increase in AL with each RSP stiffness
category (p<0.01). Additionally, t. increased with
decreases in RSP stiffness (and kieg) (p<0.01).

Therefore our data support the idea that RSP
stiffness dominates ki.,. Because peak vGRF was
invariant across RSP stiffness categories, softer
RSPs (lower stiffness categories) resulted in greater
leg-spring compression. The more compliant ki,
elicited by our subjects increased the elastic energy
storage (and return) of their leg-spring.

1
EE = = k(x)?

Elastic energy storage (EE) is equal to half the
spring stiffness (k) multiplied by the displacement
of the spring (x) squared. This increased elastic
energy storage and return of the leg, coupled with
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longer t., contribute to the decreased CoT elicited by
softer RSPs.

CONCLUSIONS

Runners with bilateral transtibial amputations had
lower CoT, ki, and t. when using RSPs with lower
stiffness categories. However, neither RSP model
nor height significantly affected CoT.
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Figure 2. Mean (+SEM) leg stiffness (kig) as a
function of RSP stiffness category (C). Dashed line
is the regression line (ki = 15.32 + 0.92 X ARec
O).
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INTRODUCTION

Compared to non-amputees, amputees experience
increased difficulty with maneuvering tasks such as
turning, which are common in daily living activities
[1, 2]. While changes in sagittal-plane prosthetic
foot stiffness have been shown to influence amputee
walking mechanics and can be tuned to provide
desired levels of body support and forward
propulsion [e.g., 3], the influence of prosthetic foot
stiffness on amputee turning is unknown. Turning
requires the generation of appropriate mediolateral
ground reaction forces (GRFs) and ankle kinematics
[1, 4], which are both influenced by prosthetic foot
stiffness. The purpose of this study was to assess the
influence of prosthetic foot stiffness on amputee
turning  mechanics, which has  important
implications for the design and prescription of
prosthetic devices.

METHODS

Three prosthetic ankles (compliant, nominal and
stiffy were manufactured using an additive
manufacturing  process  (Vanguard  HiQ/HS
Sinterstation, 3D Systems Corp.). The ankles were
combined in series with a low-profile version of a
commonly-prescribed carbon fiber prosthetic foot
(Category 9, LP Vari-Flex® with EVO™, Ossur) to
create a set of ankle-foot combinations that spanned
a range of stiffness values.

Unilateral transtibial amputees (n=7) free of
musculoskeletal disorders and pain completed an
IRB-approved protocol of turning maneuvers with
each of the three ankle-foot combinations. Subjects
walked overground at their self-selected speed
clockwise and counterclockwise around a 1-meter
radius circle with six embedded force plates
(Advanced Mechanical Technology, Inc.; Kistler

Instrument Corp.). Repeated trials were collected
for each ankle-foot combination to obtain at least
five force plate strikes per foot.

GRF and kinematic data were collected at 1200 Hz
and 120 Hz, respectively, using a 12-camera motion
capture system (Vicon Nexus, Vicon Motion
Systems). In addition to the Plug-In Gait marker set,
reflective markers were placed bilaterally on the
greater trochanter and fifth metatarsal heads and
four-marker clusters were placed bilaterally on the
thigh and shank. Residual limb markers were placed
symmetrically with intact limb markers. Hip
functional joint centers were found using trials with
at least five hip circumduction movements while
knee functional joint axes were found using trials
with at least five knee flexion-extension movements
(Visual 3D, C-Motion, Inc.).

GRF and marker data were filtered using a 4.
order, low-pass Butterworth filter with cutoff
frequencies of 20 and 6 Hz, respectively. Joint
angles and powers were calculated using Visual 3D.
Peak joint angles were averaged across trials.
Positive and negative joint work were calculated as
the time-integral of the positive and negative joint
power, respectively, then averaged across trials.
Joint work was examined in each of the six phases
of the gait cycle.

RESULTS AND DISCUSSION

As in previous studies [e.g., 3], decreasing stiffness
increased ankle dorsiflexion and knee flexion as
well as decreased hip extension (Table 1). In
addition, when the residual limb was inside the turn,
prosthetic ankle energy storage and return increased
with decreasing stiffness (Fig. 1). In the coronal
plane, decreased ankle stiffness caused a decrease in
hip adduction and, when the limb was inside the
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turn, an increase in hip abduction (Table 1).
Compared to the compliant and stiff combinations,
the nominal ankle-foot caused greater ankle
eversion when the limb was inside the turn and less
ankle inversion when the limb was outside the turn
(Table 1). Late stance ankle coronal-plane positive
and negative work were also greater when the limb
was inside the turn and lower when the limb was
outside the turn for the nominal ankle-foot (Fig. 1).

Coronal
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Figure 1: Coronal and sagittal plane positive and
negative work at the residual limb ankle and hip
when the limb was inside (In) and outside (Out) of
the turn with the compliant, nominal and stiff ankle-
foot combinations during late stance.

Since the prosthetic foot acts like an elastic spring,
deforming the ankle more in the coronal plane
allowed it to store greater energy during the second
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half of stance and subsequently return more
coronal-plane energy at push-off (Fig. 1). A
decrease in ankle stiffness caused a decrease in late-
stance negative coronal-plane hip work when the
limb was outside the turn and an increase in late-
stance positive coronal-plane hip work when the
limb was inside the turn (Fig. 1). The increased
positive hip work may be a response to decreased
ankle stiffness and necessary to rotate the pelvis and
complete the turning task.

CONCLUSIONS

Changes in stiffness influenced sagittal-plane
kinematics during turning, which were similar to
those previously observed during straight-line
walking [e.g., 3]. Stiffness changes also caused
coronal-plane adaptations at the ankle and hip.
Thus, when tuning stiffness to balance body support
and forward propulsion, the effects on turning
mechanics should also be considered.
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Table 1: Select residual limb peak joint angles with trends caused by changes in ankle stiffness when the limb
was inside (In) and outside (Out) of the turn with the compliant, nominal and stiff ankle-foot combinations.

Peak Sagittal Ankle-Foot Combination Peak Coronal Ankle-Foot Combination

Joint Angle (°) Compliant | Nominal Stiff | Joint Angle (°) | Compliant | Nominal Stiff
Ankle In 20.4+4.2 11.642.2 | 8.842.5 Ankle -3.1+1.3 -3.9+41.9 [ -3.2+1.6
Dorsiflexion (+) | Out 19.1£3.6 12.0£2.3 | 8.6+£2.6 Inversion (+) 5.3%1.6 4.8+1.3 5.2+0.8
Knee In -67.3+4.7 | -65.0+6.3 | -63.2+£7.9 Hip 5.7+4.6 7.0+£3.7 7.5+4 .4
Flexion (-) Out [ -68.9+6.2 | -66.1+5.8 | -64.9+7.4 | Adduction (+) -0.5+4.3 1.1£3.1 2.1+£3.1
Hip In -15.245.5 | -17.846.8 | -17.74£6.6 Hip -2.4+5.3 -1.945.6 | -0.6+5.3
Extension (-) Out | -14.4+£52 |[-17.1£6.0 | -16.9£7.3 | Abduction (-) -6.844.4 -7.0+4.3 | -5.844.0
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INTRODUCTION

Over two million Americans are currently living
with limb loss, with 185,000 new amputations
occurring annually. Of these, approximately 65%
involve loss of a lower-extremity. Fifty-four percent
of amputations are due to diabetic complications
and 45% are due to trauma [1].

Technological advances, particularly over the past
30 years, have completely transformed the care of
musculoskeletal disorders, including more advanced
prosthetic devices that use a combination of
sensing, actuation, and microprocessors to enhance
function on even surfaces, hills and stairs, and in
other high-demand applications. However, our
understanding of how and when patients adapt to a
new conventional or advanced prosthesis is unclear.
Only one study to our knowledge specifically
examined stabilization of data over time but the
study was limited to one male above-knee amputee
over only three weeks [2]. Other previous studies on
above-knee amputees appear to have a wide range
of testing timepoints, ranging from testing
immediately after receiving a new prosthesis to
testing after two years, making it unclear when
testing should be performed to ensure accurate and
relevant results.

The goal of this systematic review was to identify
evidence-based consensus of when biomechanical
analysis on amputees should occur after a patient
receives a new prosthetic limb.

METHODS

A systematic literature search was conducted in
January 2015 using PUBMED (1964-January 2015)
and Scopus (1948-January 2015). The databases
were searched using generic terms related to lower-
limb amputation and prosthetic devices. The

following lines were used: (lower limb OR lower-
limb OR leg OR thigh OR shank) AND (amput*
OR transtibial OR transfemoral) AND (prosth* OR
(C-Leg) OR (Intelligent Prosth*) OR (BiOM)).

As the goal of this systematic review was to gather
any articles related to an investigation of a
prosthesis the inclusion and exclusion criteria were
kept simple. The search was limited to peer-
reviewed journal articles, human subjects, and the
English language. Titles, abstracts, and full texts
were then screened as necessary to further exclude
articles: conference proceedings; theses;
dissertations; reviews; case reports; studies
examining bilateral amputees or subjects under the
age of 18; studies examining new prosthetic
components, such as prosthetic sockets and pylons,
or alignment changes; and studies that did not
include biomechanical analyses were all excluded
from the review.

Once the search was complete, relevant data were
pulled from each article. We were most interested in
the amputee participant populations and if an
accommodation time was given. Data extracted
included sex, height, weight, age, type of
amputation and cause, time since amputation,
experience with a prosthetic, prosthetic device worn
prior to testing, prosthetic device(s) tested, and time
given to accommodate prior to testing a new
prosthetic limb.

RESULTS AND DISCUSSION

A total of 7901 unique hits were found between
PUBMED and Scopus. After reviewing titles and
abstracts, a total of 283 articles remained. Of these,
116 matched our criteria and were included in this
review. For completeness, the references of these
articles were examined which resulted in an
additional 28 articles for a final total of 144 articles.
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A total of 2026 amputees were investigated from all
144 studies. Of these, 1113 (55%) had amputations
due to trauma, 286 (14%) were due to vascular
causes, 172 (8%) were due to cancer or tumor, 150
(7.4%) due to other causes, and 305 (15%) were not
specified.

Of the 144 articles, there were a total of four
investigations involving hip or pelvis amputation,
65 involving an above-knee amputation or knee
disarticulation, and 85 involving a below-knee
amputation. The median number of days given for
accommodation for all investigations was 8.5 days
with in interquartile range (IQR) of 30 days (Figure
1,2).

Number of Days Given for Accommaodation

>91 days m 11
61-90 days 111
31-60 days . 11
22-30 days : 1 16
15-21 days | 8

8-14 days u 17

1-7 days » : 20

Odays 1 : g . %53
0 10 20 30 40 50 60
Number of Investigations

Figure 1: Number of accommodation days for the
144 investigations. Range 0-154 days.

Median and IQR

Hip 68.5 180
Above 30 540
Below 5 " 475
Al a5 - 0 i + 540
0 100 200 300 400 500 600

Days
Figure 2: For hip, above-knee, below-knee, and
total population the IQR for accommodation was
57.8, 83, 21, and 30 days, respectively. Median
reported in IQR range.

While many investigations clearly stated how much
time was given for accommodation, many did not.
A total of 53 investigations tested the day of
receiving a new limb or did not specifically mention
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an accommodation time (Figure 3). Phrases such as
“given as long as necessary”, “intensive practice
phase”, and “break in period” were frequently used.
These investigations were placed into the not
reported (NR) category and it was assumed testing
was done the day of receiving a new prosthetic
limb.

Day 0 Testing Times

>120 min 3
61-120 min 7
31-60 min 7
16-30 min 4
0-15 min 13
NR 19

0 5 10 15 20

Figure 3: Detailed results for testing on the day of
receiving a new limb. Not reported (NR).

From these results, we can see that there is no clear
consensus on when a biomechanical investigation
should be performed on an amputee subject. Testing
time points range from within minutes or hours of
receiving a new limb to 5+ months after fitting.

CONCLUSIONS

Our systematic literature search resulted in 144
unique biomechanical investigations involving the
amputee population. The median number of days to
accommodate to a new prosthetic limb was 8.5 days
with an IQR of 30 days. Above-knee and hip
amputees were given more time to accommodate
than below-knee amputees.
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SARCOMERE LENGTH ORGANIZATION AS A DESIGN FOR COOPERATIVE FUNCTION
AMONGST ALL LUMBAR SPINE MUSCLES

Derek P. Zwambag, T. Alexander Ricketts, and Stephen H.M. Brown
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INTRODUCTION

The functional design of spine muscles in part
dictates their role in moving, loading, and
stabilizing the lumbar spine. There have been
numerous studies that have examined the isolated
properties of these individual muscles, and some
have highlighted an interesting characteristic of the
multifidus muscle; it has short sarcomeres in the
neutral spine posture and reaches optimal length for
force production when the spine is flexed [1].
Contrarily, longer than optimal sarcomere lengths
have been measured from psoas major when the
spine is in a neutral position and the hip is mildly
flexed [2]. Understanding of how all the lumbar
muscles interact and work together is lacking. The
objective of this study was to measure sarcomere
lengths of all lumbar muscles in a neutral cadaveric
position and predict the operating ranges of these
muscles throughout full ranges of spine movements.

METHODS

Small muscle samples (0.5 cm®) were removed from
iliocostalis, longissimus, multifidus, quadratus
lumborum, intertransversarii, psoas major, and
psoas minor of seven cadaveric donors embalmed in
an approximate neutral spine position. Single
fascicles were excised from each sample and
sarcomere lengths were measured using laser
diffraction. Muscle length changes through full
lumbar range of motion (flexion, extension, lateral
bend and axial twist) were predicted using an
anatomically detailed computational model of the
spine [3]. Sarcomere length operating ranges were
predicted from the changes in muscle fibre length to
determine force-length characteristics of each
muscle in a neutral position and at end ranges of
motion (Fig 1).

RESULTS AND DISCUSSION

Each of the Ilumbar extensors (multifidus,
longissimus, and iliocostalis) was measured to have
short sarcomere lengths (2.36 = 0.05, 2.43 £ 0.05,
and 2.41 + 0.06 pum, respectively) in the neutral
cadaveric spines (Fig 2A). The intermediate and
anterior muscles had longer sarcomeres than the
posterior extensors with quadratus lumborum close
to optimal (2.66 £ 0.09 pm), intertransversarii
slightly below optimal (2.53 + 0.05 pm), and psoas
major and minor longer than optimal (3.41 + 0.07,
3.17 £ 0.12 pum, respectively).
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Figure 1: Sarcomere length operating range of lumbar
spine muscles. Thick lines are from a neutral posture to
full flexion and thin lines are from neutral to full
extension. Muscles are offset from force length curve
for clarity.
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Neutral Spine

Figure 2: (A) Sarcomere lengths (um) measured from
lumbar spine muscles in a neutral cadaveric position and
(B) modelled sarcomere lengths at full spine flexion.
Blue, white, and red corresponds to sarcomeres on the
ascending limb, plateau, and descending limb of the
sarcomere force length curve, respectively. M,
multifidus; L, longissimus; I, iliocostalis; QL, quadratus
lumborum; IT, intertransversarii; and P, psoas major.

During modelled flexion the extensor and
intermediate muscles lengthened so that all muscles
operated in the approximate same location on the
descending limb (range 3.11-3.48 um; Table 1) of
the force-length relationship (Fig 2B). Flexion
caused multifidus fibres to lengthen by 50.0%,
while iliocostalis and longissimus  fibres
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lengthened by 38.1%. Quadratus lumborum and
intertransversarii were less affected by spine flexion
lengthening 29.2% and 23.3%, respectively. The
anterior muscles were largely unaffected by spine
flexion.

During lateral bend, quadratus lumborum had the
largest operating range due its location furthest from
the axis of rotation. Axial twist had minimal effect
on sarcomere lengths of all lumbar muscles.

CONCLUSIONS

The sarcomere lengths of multifidus and psoas
major in a neutral spine posture were consistent
with those in the literature [1,2]. However,
multifidus is not unique in comparison to sarcomere
lengths of the other low back muscles. In a neutral
position, there appears to be a pattern for muscles
anterior to the spine to have long sarcomere lengths
and those posterior to have short sarcomeres. Spine
posture significantly altered the maximum isometric
active force generating capability of lumbar
muscles. The extensor muscles are all designed to
produce maximum force in a mid-flexed posture,
and all lumbar muscles operate at similar locations
of the force-length relationship at full spine flexion.
The intrinsic design of sarcomere organization
appears to provide an inherent mechanism for
balancing force production throughout spine
motion.
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Table 1: Modeled sarcomere lengths (um) of lumbar muscles at end ranges of motion

Ilio Long Mult QL IT P.Maj P.Min
Flexion 3.23 3.26 3.48 3.44 3.11 3.30 3.12
Extension 2.09 2.11 1.97 2.46 2.45 3.30 3.12
Contralateral bend 2.65 2.67 2.46 3.29 2.85 3.52 3.33
Ipsilateral bend 2.03 2.05 2.16 2.00 2.22 3.15 2.98
Contralateral axial rotation 2.32 2.34 2.26 2.59 2.54 3.36 3.19
Ipsilateral axial rotation 2.40 2.42 2.41 2.76 2.53 3.37 3.18

Modeled ranges of motion were flexion 52°, extension 16°, lateral bend 29°, and axial rotation 13°
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FUNCTIONAL IMPORTANCE OF FASCIA IN THE PRESERVATION OF MUSCLE TENSION

Roy J. Ruttiman, David Sleboda, Thomas J. Roberts

Brown University, Providence, RI, USA
roy_ruttiman@brown.edu, http://brown.edu/research/labs/robertslab/

INTRODUCTION

Fibrous extramuscular connective tissue, also
known as fascia, delineates and encloses functional
muscle groups, thus forming discrete fascial
compartments. These fascial compartments have
clinical significance, as increased pressure within a
compartment can compromise the blood supply and
function of the tissues enclosed. However, it is
unclear how fascial compartments influence normal
muscle performance. We explored the relationship
between fascial compartments and muscle tension
in the ventral interosseous of the wild turkey
(Meleagris gallopavo), a bipennate distal wing
muscle bordered by bone and enclosed within a
fascial compartment.

METHODS

Birds were anesthetized with inhaled isoflurane.

The Ramus superficialis, a distal branch of the ulnar
nerve, was isolated immediately distal to the
carpometacarpal junction and connected to a bipolar
stimulating electrode. The wing was fixed to a rigid
custom-made aluminum frame, and the distal
tendon of the muscle was isolated and attached to
the lever of a servomotor via Kevlar thread (Figure

).

Muscles were stimulated supramaximally under
isometric conditions. Each muscle was subjected to
approximately 5-7 contractions at different muscle
lengths. The muscle was allowed a minimum of 5
minutes between contractions to prevent fatigue.
After length-tension (LT) relationship of the muscle
was established, a repeat isometric contraction was
performed at optimum length (L,) to assess muscle
fatigue.

Fascial release treatment was achieved via skin
incision on the ventrum of the distal wing; followed
by careful surgical removal of the ventral fascia

overlaying the ventral interosseous. The muscle was
once again subjected to approximately 5-7
contractions at  different muscle lengths,

constructing a post-fascial release LT relationship.
Repeat isometric contraction assessed muscle
fatigue.

Ventral interosseous

Kevlar thread
o\ Servomotor

Ventral interosseous
distal tendon

Figure 1: In situ preparation. Distal tendon of
ventral interosseous attached to the servomotor
lever via Kevlar thread. The distal tendon was
maneuvered until a direct line of pull between the
muscle and the servomotor was established.

RESULTS AND DISCUSSION

In trials performed on the plateau region of the LT
curve, peak isometric force decreased by 22.3%
following fascial release (Figure 2). Aside from
peak magnitude, there was no noticeable difference
in the contraction waveform between the intact
compartment condition and the post-fascial release
condition. Within each segment of the ventral
interosseous’s length tension curve, fascial release
was associated with a reduction in isometric force
production.
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Figure 2: Pre and post-fascial release contraction
patterns from the plateau region of the muscle in the
same individual. Muscle was stimulated for a
400ms train duration.

In five individuals, fascial release resulted in an
average decrease in muscle force output of
approximately 19% along the ascending, plateau
and descending regions of the length-tension curve.
The force deficit associated with fascial release
increased as muscle length increased, ranging from
13% along the ascending limb to 24% on the
descending limb.
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Figure 3: The effect of fascial release on maximal
force generation along the length-tension curve of
ventral interosseous muscle. Normalized isometric
contractions from five experiments demonstrate
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ventral interosseous muscle force generating
capacity within an intact fascial compartment (red)
and after fascial release (blue). Each marker
represents an individual experiment.

CONCLUSIONS

Gross partitioning of synergistic muscles into
fascial compartments is a widespread feature of
mammalian limb anatomy. Yet few studies have
explored the functional importance of having such a
muscle and connective tissue arrangement. In this
study, we accounted for muscle length and
supramaximally simulated the ventral interosseous
to achieve maximal force production along different
muscle lengths both before and after fascial release
treatment. Fascial release repeatedly and reliably
reduced peak force production in the ventral
interosseous muscle. These results, along with
previous work on dog hindlimb muscles [1], suggest
that releasing fascial constraints reduces muscle
force output; and by extension suggests that fascia
may play a critical role in preservation of muscle
tension.

A mechanistic explanation for the observed
reduction in muscle tension after fascial release
remains elusive. Our findings question whether
fascial release treatment is an entirely benign
procedure, particularly in cases of chronic
exertional compartment syndrome [2].

The National Institutes of Health research grant
[AR055295] awarded to TJR supported this
research.
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MULTISCALE MUSCLE MODELS PREDICT
HOW ACCUMULATED MICROTEARS LEAD TO ACUTE MUSCLE INJURY
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INTRODUCTION

Eccentric contractions have been linked to muscle
injuries [1]; however, the mechanisms leading to
acute strain injury are poorly understood. At the
macro-level, a gait analysis study which captured an
acute sprinting-related muscle strain  injury
indicated that the injury was not caused by a
dramatic change in gait or misstep, suggesting that
accumulated damage (microtears) may escalate to a
major injury [1]. At the tissue level, previous work
has demonstrated that the inherent architecture of
the muscle influences its injury susceptibility by
generating regions of high-localized strains [2]. At
the fiber level, studies have shown a loss of force-
transmitting proteins (dystrophin) immediately after
eccentric  contractions  [3], which  would
compromise the mechanical integrity of the fibers
since dystrophin is known to protect the muscle
membrane from damage [4]. Together, these
important factors all influence the resulting extent
of muscle injury; however, since they cross multiple
scale lengths, it is challenging to integrate them into
one holistic understanding. The goal of this study
was to address this critical gap in the field by
creating multiscale models of skeletal muscle that
represent the macro-scale loading, the tissue-level
strains, and the micro-level damage during
sprinting. Once developed, we used the models to
explore the mechanisms underlying accumulated
muscle damage and resulting injury.

METHODS

The modeling framework included seven key steps.
Step 1 was to use a finite element (FE) model of the
biceps femoris long head (BFLH) to determine the
along fiber shear strain distribution throughout the
muscle [2]. Step 2 was to utilize an agent-based
model (ABM) to create a cross-section of a muscle
fascicle for the micromechanical FE model, with

fibers, ECM, and nonlinear elastic springs to
represent dystrophin. The ABM allowed for the
rapid generation of muscle cross-sections that
account for physiological variability [5]. Step 3 was
to apply boundary conditions based on the shear
strains in two regions (high and low strain) of the
macroscale BFLH model (Fig 1). Step 4 was to
simulate contraction by applying the representative
shear displacements to the micromechanical model.
Step 5 was to calculate the strain between the
muscle fiber and the ECM (membrane strain). Step
6 was to update the model so that proteins with a
membrane strain greater than the prescribed
threshold, based on the estimated extensibility of
dystrophin [6], were deleted. Step 7 was to create a
new “damaged” micromechanical model with the
remaining proteins. Step 4-7 were repeated until no
additional damage was generated in the membrane.

macromechanical model: micromechanical model:
BFLH strains during sprinting fiber strains during sprinting

muscle

macro level micro level

along fiber along fiber
shear strain shear strain
P o7 Pro

P P

B,

region 2: low strain

Figure 1: A BFLH model indicates non-uniform along fiber
shear strain during sprinting. Two micromechanical models of
muscle fascicles were developed with boundary conditions to
simulate the local mechanics at high and low strain regions
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RESULTS AND DISCUSSION

The whole-muscle model of the BFLH illustrated
how local peak strains during eccentric contractions
could lead to damage in specific regions of the
muscle (Fig 1). At a smaller scale, the
micromechanical model demonstrated this same
phenomenon of non-uniform shear strain profiles
within the fibers, based on the geometry and
material properties of the ECM and the fiber. We
found that micro-damage at the force-transmitting
proteins (dystrophin) escalated from a single small
tear (after a single eccentric contraction), into a
substantial tear in the muscle membrane (after
multiple contractions), which could ultimately result
in an acute injury (Fig 2). In comparison, the region
of the muscle with low local strains did not exhibit
this same behavior and did not lead to acute muscle
injury, consistent with the observation that injuries
only occur in certain regions of a muscle.

This modeling framework illustrated a potential
mechanism for the initial mechanical injury that
could lead to an acute muscle injury, and suggested
a number of important avenues for future
exploration. First, we found that the prescribed
thresholds for the damage to the dystrophin proteins
and the onset of an acute muscle injury are
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important determinants of the outcome, and thus
need to be better characterized from experimental
studies of membrane damage and dystrophin
structure. Additionally, although the micro-scale
model was informed by deformation patterns from
the whole muscle, our future work aims to expand
the simulations to include multiple deformation
patterns, and verification with animal models of
eccentric contraction injury.

CONCLUSIONS

This study proposed a novel multi-scale modeling
framework to describe how high localized strains in
the muscle during eccentric contraction could
introduce small microtears that rapidly develop into
an acute muscle injury.

REFERENCES

1.Schache A. Gait and Posture 32, 136-140, 2010.

2.Fiorentino NM. J Biomech 47, 3325-3333, 2014.

3.Lovering RM. AM J Physiol Cell Physiol 6, C230-
C238, 2004.

4.Bloch R. Exerc. Sport Sci. Rev. 31, 73-78, 2003.

5. Virgilio KM. Interface Focus 5, 2015.

6.Bhasin N. J Mol Bio, 352, 795-806.

muscle fiber membrane strains during
sprinting for two strain regions in

threshold for
muscle injury

maximum membrane strain
[ region 1- high strain
[ region 2- low strain

re-run simulations
with deleted

proteirh

delete proteins
strained above
threshold

threshold for
transmembrane
protein

1 damage

1 2 3 4 5 6 7
model iterations:

Figure 2: Iterations of the model analyses illustrate how small losses in membrane proteins could instantaneously lead to an acute
muscle injury during eccentric contraction. After each simulation, proteins above the threshold for protein damage were deleted and a
simulation with the remaining proteins was re-run. Model iterations represent the progressive increase in maximum membrane strain
as proteins are deleted.
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EFFECTS OF STRENGTH TRAINING ON MUSCLE FORCE PRODUCTION AND MUSCLE
FUNCTION IN CHILDREN WITH CEREBRAL PALSY
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INTRODUCTION

Cerebral palsy (CP) is a neurological disorder caused
by an insult to the brain, which often leads to
neuromuscular impairments. Strength training for
children with CP increases isometric muscle strength
and walking speed [1, 2], as well as affects muscle
force and lower limb extension capacity during
walking [3]; however, changes in muscle
contributions to body center of mass (COM)
accelerations after training have not been evaluated.
The purpose of this study was to expand on previous
work by evaluating changes in dynamic muscle force
production and function in a group of children who
participated in strength training.

METHODS

Four children with spastic CP participated in a six-
week strength training protocol. Lower body
kinematics and ground reaction forces were collected
at 120 Hz during overground walking. Isometric
muscle strength was measured with a handheld
dynamometer for lower-limb joints before and after
training. A generic musculoskeletal model with 14
segments, 21 degrees of freedom, and 92 Hill-type
musculotendon actuators was scaled for each child.
Three walking trials for each child before and after
strength training were simulated in OpenSim 3.2
(www.simtk.org). A computed muscle control
algorithm was used to estimate muscle excitations
required to reproduce the experimentally measured
kinematics. The contributions to body COM
acceleration were analyzed using an induced
acceleration analysis. Changes in mean dynamic
muscle force production and contributions to COM
acceleration before and after strength training were
quantified over three stance phases of the gait cycle
(GC) including: Double Support 1 (DS1, ~0-10%
GC), Single Limb Stance (SS, ~10-50% GC), and

Double Support 2 (DS2, ~50-60% GC). A two-way
repeated-measures ANOVA was used to assess
differences (0=0.05) in muscle forces, joint isometric
strength, and muscle contributions to COM
acceleration between legs, and as a result of training.

RESULTS and DISCUSSION

Few significant training main effects were found
(Fig. 1). Several significant leg main effects
indicated bilateral asymmetry not affected by
training. Significant leg X training effects indicated
different left and right leg muscle responses to
training. Soleus (SOL) contributions to the body
COM vertical acceleration (support) were
significantly increased after training in DS2. Also in
DS2, significantly increased unilateral dynamic force
in the gastrocnemius (GAS) was found.
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Figure 1. Mean dynamic muscle forces during
DS2 (top) and average isometric joint strength
(bottom). Left leg (light gray) and right leg (dark
gray) were compared before (left bar) and after
(right bar) training. Significant ANOVA leg (%),
training (°), and leg x training interaction (*)
effects are shown.
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However, muscles that had significant increases in
dynamic force production after training did not
correspond with muscle groups that had
significantly greater isometric strength. Isometric
strength of the hip extensors and hip flexors
significantly increased after training (Fig. 1), but
this was not found in the walking simulation results.
Bilateral asymmetry in isometric knee extensor
strength, not affected by training, was not found in
the dynamic knee extensor muscle force estimates
during walking.

Increased dynamic force production in the GAS and
increased SOL contributions to body support in DS2
suggest a shift toward able-bodied mechanics after
training [4-6]. However, high variability was found
across children in muscle contributions to the COM
acceleration. Thus, evaluating muscle results on an
individual child basis may be a better approach for
evaluating the effects of strength training on muscle
function. For example, one child in the study had
substantial changes in muscle contributions to
support in the gluteus medius, vasti and soleus, all
shifting towards able-bodied muscle function (Fig. 2)
[6,7]. However, these results were not consistent for
all children, and were not apparent in the group
average results.

Increases in isometric strength measurements did not
correspond to increases in dynamic muscle force
production during walking. These results suggest
that increases in static strength do not always
translate to how a muscle is used dynamically during
a movement. Similar changes in dynamic and static
joint ranges of motion were found after strength
training [8]. This may help explain why highly
variable mobility improvements are associated with
strength training [2]. In addition, these results
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highlight how modeling and simulation analyses can
assess dynamic muscle behavior during movement
tasks that are not reflected in joint-level static testing.

CONCLUSIONS

These results suggest that strength training results in
increased dynamic force and improved function in
the ankle plantarflexors during gait. Strength training
may also improve muscle function to provide body
support and propulsion in other muscles groups, as in
Child 1 (Fig. 2), although the responses of individual
children are highly variable. Modeling and
simulation analyses have the potential to guide
therapy protocols that address muscle functional
deficits on an individual child basis, and provide
additional information regarding muscle mechanics
not revealed by isometric strength testing.
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EXTENSOR MUSCLE SEQUENCING DURING RETURN TO STAND IN A SUBGROUP OF
INDIVIDUALS WITH LOW BACK PAIN: RESPONSE TO EXERCISE

Erika Nelson-Wong

Regis University School of Physical Therapy, Denver, CO, USA
email: enelsonw@regis.edu

INTRODUCTION

It has been recognized that LBP cannot be treated as
a singular disorder and outcomes improve when
individuals are subgrouped according to etiology
and clinical presentation. Several sub-classification
paradigms are used clinically, with Treatment Based
Classification (TBC) being one of the more
common approaches used by physical therapists.
This approach categorizes individuals with LBP
into 1 of 4 subgroups, Manipulation, Direction
Specific ~ Exercise,  Traction, and  Motor
Control/Stabilization according to their clinical
presentation [1], and is meant to direct appropriately
matched interventions. Observation of aberrant
motions during forward flexion in standing (FS) is
one of the criteria for classification into the Motor
Control/Stabilization (Stab) subgroup, with reversal
of lumbopelvic rhythm being one of the aberrant
motions described. Observation of lumbopelvic
reversal during FS has poor inter- and intra-rater
reliability [2], which makes its inclusion in the sub-
classification algorithm questionable. However,
there is evidence that sequencing of extensor muscle
activity during FS differs between individuals with
and without LBP. A ‘bottom up’ (gluteus maximus
followed by erector spinae) muscle activation
sequence is considered to be typical in healthy
individuals during the return to stand (RTS) phase
of FS. A reversal of this pattern during RTS has
been observed in individuals predisposed to LBP
during a prolonged standing protocol [3]. Extensor
muscle activation sequencing during FS, and
response to appropriately matched intervention, has
not been investigated in individuals meeting TBC
criteria for Stab. Therefore the purpose of this study
was to investigate differences in extensor muscle
sequencing during the RTS phase of FS between
healthy controls and individuals with LBP classified
into the Stab subgroup, and to determine response to
a stabilization-based exercise intervention.

METHODS

Fourteen individuals with LBP (36% male, age 36.9
+ 13.8 years) meeting TBC criteria for Stab and 13
healthy control participants (36% male, age 30.6 +
9.5 years) enrolled in this study. Following baseline
data collection, participants completed a standard
stabilization-based, progressive exercise program
for 6 weeks, then returned for a post-intervention
assessment. The protocol for baseline and post-
intervention data collections was identical. Surface
electromyography (EMG) data were collected from
left lumbar erector spinae (ES) and gluteus
maximus (GMx) muscles. Kinematic data were
collected to construct a 4-segment (trunk, pelvis,
bilateral thighs) model. Participants performed a
single trial of self-paced FS. EMG data were filtered
for noise removal, linear enveloped and normalized
to reference contractions. Kinematic data were used
to extract windows isolating the RTS phase of
motion. Cross correlation analyses were used to
quantify relative timing between the ES and GMx
muscles, with phase lag at maximal spatial
correlation extracted from a physiological window
of +/- 250 msec [3]. Phase lags were dichotomized
as Bottom Up (BU) where GMx activated first, or
Top Down (TD) where ES activated first, strategies.
Chi-square analyses were used to determine
associations between LBP status and baseline
strategy and changes in strategy following
intervention for the LBP group with a = .05.

RESULTS AND DISCUSSION

The individuals with LBP in this study reported
relatively low disability with mean baseline pain
(100 mm visual analog scale, VAS) of 12.1 mm
(range: 0 - 52 mm) and Oswestry Disability
Questionnaire (ODQ) scores of 15.1% (range: 2 - 42
%). Reversal of lumbopelvic rhythm (visual
observation) was noted in 57% of the LBP sample
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at baseline. There was a significant association
between LBP status and extensor muscle
sequencing strategy at baseline (x*=6.0, p<.05) with
most control participants utilizing a typical BU
strategy (76.9%) and most LBP cases demonstrating
a TD strategy (71.4%) (Figure 1).

12 O Bottom Up
N Top Down

10

Number of Participants Using Strategy
£y

.

LBP Control

Figure 1: Individuals with LBP primarily used a top
down strategy while healthy controls used a bottom
up strategy.
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B
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Figure 2: There was a favorable change in muscle
activation strategy for individuals with LBP
following exercise intervention.

Of the 14 individuals with LBP, 10 completed the
exercise  intervention and  post-intervention
assessment (2 withdrew for medical reasons, 2 were
completing the intervention at time of abstract
submission). EMG data were not available for 1
participant due to technical issues. Therefore, pre-
post intervention analysis includes data from 9
participants with LBP. Following exercise
intervention there was a decrease in average pain on

Back to ToC

VAS (4.9 mm, range: 0 — 15 mm) and disability on
ODQ (9.9%, range: 2 — 24%). Observed reversal of
lumbopelvic rhythm was noted in 11% of the
sample. There was a significant change in extensor
muscle sequencing strategy following exercise
intervention (x*=5.6, p<.05) with 77.8% of LBP
cases demonstrating a BU strategy (compared with
22.2% baseline) and 22.2% using TD strategy
(versus 77.8% at baseline) (Figure 2). Of the LBP
cases using TD strategy at baseline, 71.4%
converted to a BU strategy following exercise
intervention.

CONCLUSIONS

These findings showed clear differences in extensor
muscle strategy during RTS phase of FS between
healthy controls and individuals with LBP meeting
the TBC criteria for Stab. Although reliability of
observed lumbopelvic rhythm reversal has been
questioned, individuals in the TBC Stab subgroup
demonstrated altered movement strategies in FS. It
is encouraging that these atypical strategies appear
to be modifiable through a standard exercise
program targeted towards the Stab subgroup. It
should be noted that the intervention did not include
any exercises involving standing flexion. It may be
that improvements in trunk and hip strength and
control gained through the intervention allowed
participants to use a more typical BU strategy
during the RTS phase of FS. These findings provide
further support for stabilization based exercise
intervention in patients with LBP meeting the TBC
criteria for Motor Control/Stabilization sub-
classification.
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BRINGING MECHANICS TO LIFE
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INTRODUCTION

Biomechanics provides an engaging vehicle for
exploring fundamental questions at the interface of
engineering, physiology, and health. Through
guided-experiential learning, students can gain
exposure, experience, and expertise as they begin to
embed the use of fundamental principles in their
self-discovery! of  mechanisms  governing
movement. Since 1988, members of the USC
Biomechanics Research Lab have been actively
involved in a wide range of Science, Technology
Engineering, Art, and Mathematics (STEAM)
outreach activities. The focus of this paper is to
share what we have found to be “Best Practices” for
engaging young audiences and embedding the use
of scientific processes and engineering design in the
study of human biomechanics.

METHODS

Two outreach initiatives will be discussed: Body
Engineering-Los Angeles (BELA) and Get SSET
Academy (Sport Science, Engineering and
Technology). BELA is a year-long program that
partners doctoral students in engineering with
teachers in urban middle schools. STEM standards
are met by investigating the human body as a
machine. Lessons are generated and led by both the
teacher and doctoral student on a weekly basis
throughout the year. This project has been funded in
part by National Science Foundation Grant DGE
1045595) and the USC Viterbi School of
Engineering.

The Get SSET (Sport Science, Engineering, and
Technology) Academy is an informal educational
experience aimed at first-generation college-bound
9-10 grade female students interested in sports and
science. Our aim in this 3.5 day residency program
is to provide students with an experience of college
life and exposure to engineering, prior to making
decisions regarding high school coursework.

Participants are recommended by both their science
or mathematics teacher and their coach to confirm
that the student-athlete has the desire to improve.
Advancement in sport often involves hours of
practice, failures, observation of performance
related issues, and resolution of these issues through
creative solutions and persistence. These same
processes are key in becoming an effective engineer
or scientist. While academy activities have varied,
all have included a sport aerodynamics activity, a
design methodology activity, a biomechanics
motion capture and analysis activity, a visit to a
local sport, science or other engineering facility, and
final presentations from the students to the
sponsors, faculty, staff and their families.

RESULTS AND DISCUSSION

“Best Practices” in both of these initiatives has
involved an intriguing hook that engages and is
relevant to the participants. This hook must be
supported  with  fundamental science and
engineering  principles  through  interactive
discussion and exploration of concepts. By
balancing lecture (<7 minutes) with video and
structured participation, students develop active
interest. This allows the educators to transition into
inquiry-based experiments or engineering design
challenges. To facilitate implementation, low-cost
readily available materials are typically used with
open-source software. To measure learning
outcomes, student presentations, electronic journals,
and peer review sessions can be used.
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EXPERIENTIAL, LOW COST NEUROSCIENCE OUTREACH FOR ALL AGES — MUSCLES ALIVE!
Brian L. Tracy, Ph.D.

Neuromuscular Function Laboratory
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Colorado State University, Fort Collins, CO, USA
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INTRODUCTION

Interactive, immersive, and engaging science
lessons can have lasting effects in students. For
diverse student populations, optimal learning occurs
via different modes (experiential, tactile, auditory,
visual). Our lab conducts human neuromuscular
EMG studies with expensive lab-based equipment
not suitable for use in the outreach setting. We have
leveraged our scientific expertise to create novel,
effective community-based neuroscience outreach.

METHODS

In 2012, our CSU group helped Backyard Brains,
Inc. produce the new EMG Spikerbox, a small,
inexpensive bioamplifier that for the first time
allowed students to experience, hear, see, and
record their own muscle electrical activity outside
of the research lab. The EMG signal is detected
with 10-cent disposable electrodes made from
popsicle sticks and brass brads, displayed visually
in real time on iPods with the Spike Recorder App,
and the audio is played through hobby speakers.

We also use commonly available vibrating
massagers to elicit the tonic vibration reflex and
attention-getting, fun, experiential proprioceptive
illusions.

The novel EMG kits and proprioception demos are

the centerpiece of our 2.5 yr-old program Muscles

Alive!, named as an homage to the classic EMG

text. Offering vivid visual and audio feedback, our

participatory demonstrations usually involve small
groups of students and include:

1) Live visual/auditory display of raw EMG signals
from muscles of the hand, arm, leg, and face
during different tasks.

2) Jaw muscle activity - chewing experiments with
foods of different consistencies.

3) Weight lifting and arm wrestling.

4) Motor Unit Hunt — perhaps surprisingly, we can
commonly record single motor unit discharge

with these 10-cent electrodes, allowing direct
observation of motor neuron discharge behavior.

5) Tendon vibration demos with 60Hz massagers
that target afferent muscle sensors: The Phantom
Limb (biceps brachii tonic vibration reflex) and
The Neurophysiology Trust Fall (a robust
proprioceptive illusion).

6) Live recording of the EMG of the patellar tendon
tap reflex (stretch reflex).

7) Stretch reflex circuit timing (25-40ms) with a
$15 instrumented reflex hammer.

8) Human-to-Human interface: control your friend’s
arm with your own EMG.

RESULTS AND DISCUSSION

Our demonstrations are accompanied by age-
appropriate displays designed to teach students
about 1) biological electricity and excitable cells, 2)
the relation between brain command and muscle
activation, 3) how action potentials are transmitted
efferently to muscle and converted to force, 4) the
role and extreme sensitivity of muscle sensors
(spindles) in reflexes and proprioception, 5) the
speed and necessity of reflexes, 6) neuromuscular
anatomy, and 7) the critical role of voluntary muscle
control in making us human.

We maintain an undergrad/grad team who lead the
demonstrations and benefit from the teaching and
community involvement. They must use their
classroom knowledge in an applied context.

Impact - We have interacted with ~3,200 9-18
year-olds during > 45 events in public schools,
science fairs, expos, science museums, community
events, university events, and after school programs.
The same equipment and concepts have been used
successfully in public science settings with adults.
Recently we have used these kits and techniques in
university courses in neuromuscular physiology and
anatomical kinesiology.
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THE REBEL “STEM” ACADEMY: BRINGING STUDENTS TO THE SCIENCE
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INTRODUCTION

The Rebel Science, Technology, Engineering, and
Mathematics (STEM) Academy, developed jointly
by the Office of the Provost and the Office of
Admissions, brings high-achieving local high
school students and their teachers to the University
of Nevada, Las Vegas (UNLV) campus to spend
a Saturday participating in hands-on experiences in
STEM laboratories. The REBEL (Rehabilitation,
Engineering, Biomechanics, Exercise Science, Life
Sciences) Human Performance Group, formerly, the
“Biomechanics Laboratory” is a participant in this
event.

METHODS

Invitations are sent out the local school district’s
STEM teachers to gather students and participate in
the event. Note that the “local” school district
(Clark County School District) is the fifth largest in
the country, thus a wide net is cast. Participating
teachers and their students visit the UNLV campus
on what is affectionately referred to as “STEM
Saturday”. Up to 10 high-profile laboratories on the
UNLV campus participate in the event. The
students visit laboratories that are conducting
research in solar energy, water quality, renewable
energy research, genomics, and biomechanics.

RESULTS AND DISCUSSION

The inaugural REBEL STEM Academy was held
during the spring of 2013. It was attended by five
teachers and 23 of their students. Each student
participated in two different laboratory experiences
spread across five different laboratories offered by
faculty and graduate students from the College of
Engineering, Sciences, School of Allied Health
Sciences, and School of Community Health

Sciences. Subsequent STEM Academies have
averaged 10 teachers and 42 students. Our next
Rebel STEM Academy is scheduled for April 2015.
We already have 10 teachers and over 100 students
signed up to participate. In addition to participating
in the hands-on laboratory experiences, students and
teachers join us for lunch, receive some UNLV
swag, and learn about degrees and opportunities
available at UNLV. Those who have attended have
described it as a wonderful and eye-opening day.

When the students arrive at the site of the REBEL
Human Performance Group, they are introduced to
a variety of biomechanics tools. We demonstrate
motion capture techniques by instrumenting one of
the students and capturing locomotion data. Three-
dimensional images are reconstructed and
discussed. Other student participants will run or
jump on the force platforms. Not only do students
see force-time curves illustrated, but we explain
salient characteristics, which typically leads to
eagerness to repeat the experiment by running faster
or jumping higher (adding a second “experimental
condition”). One of the annual highlights is placing
someone in our positive pressure treadmill and
allowing them to run at reduced body weight. Here,
we demonstrate that biomechanics can lead to a
sense of weightlessness!

CONCLUSION

The Rebel STEM Academy is a fun day and a great
way to showcase the impressive scientific research
being done on our campus, including the lesser
known science of biomechanics. We expect this
event to continue to grow in the future as more
teachers and students learn about it and as we
continue to increase the number of participating
STEM laboratories. We encourage others adopt this
model to encourage biomechanics to “get younger”.
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INTRODUCTION

“Bridging Engineering, Science and Technology in
Medicine,” (aka BEST Medicine) is an engineering
fair in which 6th-12th graders create solutions to
medical problems. BEST Medicine inspires students
to seek solutions to health issues (often
musculoskeletal) that they encounter in their home or
social environment — while reinforcing math and
science concepts they learn at school (Table 1).

Table 1. Goals and relationships to standards.

Goal Relevant Standards

Grow vocabularies in science, |Common Core State Standards
engineering, and medicine Connections (CCSSO)
ELA/Literacy RST.6-8.8

Become proficient at testinga |[Next  Generation  Science
concept and improving ideas  |Standard (NGSS) MS-ETS1-4

Present logical arguments CCSSC ELA/Literacy SL8.5
based on substantive claims,
sound reasoning, and evidence

Develop familiarity with 21st |[CCSSC ELA/Literacy SL8.5
century media and technology

Apply mathematical thinking |[CCSSC Mathematics 7.EE.3
to real world challenges

Become familiar with the [NGSS MS-ETSI1
engineering design process

Incorporating the engineering design process into the
curriculum at the middle school level may seem a
challenge at first glance. However, including
engineering is a necessity since the Next Generation
Science Standards (NGSS Lead States 2013) include
engineering design process at the middle school
level. At this grade level, the students are to “learn to
sharpen the focus of problems by precisely
specifying criteria and constraints of successful
solutions” (NGSS Lead States 2013). Also, students
should understand that engineering is critical to
addressing future challenges in society (NRC 2012).
Within the broad field of engineering, our experience
shows that biomechanics is particularly suited to this
endeavor. Each year, students showcase novel ideas
for prosthetic and other rehabilitation devices,
footwear, robotic approaches in medicine and human
movement projects.

METHODS

BEST Medicine has been hosted for the past 5 years
at the National Inventors Hall of Fame Middle
School in Akron, Ohio. Typically 120 students (who
have been preselected through other school or
regional science fairs) participate. Holding a fair that
highlights biomechanics is an excellent approach for
teaching students about interdisciplinary science
and/or the engineering design process. Local
medical professionals (biomechanics faculty,
physical therapists, clinicians etc.) attend the fair and
this allows students to explore potential career
opportunities. Concurrent teacher workshops are
offered while the student projects are being judged.

RESULTS AND DISCUSSION

Each year approximately 30 to 40% of all projects
submitted to BEST Medicine are related to
biomechanics. Examples include (i) reducing the
risk of concussion in sports, (ii) developing improved
prosthetic sockets, (iii) decreasing the risk of
bathroom falls, (iv) predicting knee stress through a
computer model and (v) an ergonomic power-
assisted wheelchair transfer system.

CONCLUSION

By middle school, students are aware of many
medical problems, often through personal
experiences of friends and family members.
Therefore, projects that involve engineering
solutions to biomechanical issues allow students to
solve real human problems for which they have a
personal interest.
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SUBCHONDRAL STRAINS AND INITIATION OF OSTEOARTHRITIS IN THE RADIOCARPAL
JOINT

! Joshua E. Johnson and ' Karen L. Troy
"'Worcester Polytechnic Institute, Worcester, MA, USA
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INTRODUCTION

Prevalence of radiographic osteoarthritis (OA) is
highest in the hand, and secondary OA due to injury
is a significant problem. Peak contact pressure (CP)
on the radius articular surface is an important
mechanical factor in OA initiation, and is affected
by joint injury and subsequent abnormal load
transfer [1]. However, distal radius strains due to
abnormal joint loads may also influence the
degenerative response from the subchondral level.
The goal of this study was to investigate whether
changes in distal radius subchondral strains are
related to changes in peak CP, to better understand
the mechanism of OA initiation. Our hypothesis
was that increases in peak CP would result in a
similar (or greater) increase in peak strains.

METHODS

Radiocarpal joint finite element (FE) models were
created using computed tomography (CT) data
acquired from two female subjects (mean age 27.5
years), after IRB approval. Proximal wrist and
forearm images were acquired at 234x234x625 um
voxel size (Fig. 1A).
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Figure 1: (A) CT data used to construct FE models
of the radiocarpal joint (B).

The methods used have been previously validated
for evaluation of distal radius mechanics [2]. The

radius and carpal bones (lunate, scaphoid) were
segmented from the images in Mimics (Materialise,
Leuven, Belgium). Cartilage was created by
expanding the distal radius surface to achieve an
average thickness of 1.4 mm, similar to values
reported in literature. Bone and cartilage geometries
were converted to quadratic tetrahedral meshes (Fig.
IB). Cartilage was assigned a Neo-Hookean
hyperelastic material property. Based on an
established density-elasticity relationship, the radius
was assigned a linear elastic, inhomogeneous
property. Normal behavior between the contacting
surfaces was modeled using a finite sliding
formulation, while a penalty method was used to
model tangential behavior. To simulate physiologic
loading (leaning onto the palm), proximal radius
nodes were fixed, while an axial force was applied
through the scaphoid and lunate centroids based on
percentage of load transfer through the joint.

Loads were applied ranging from 50-500 N (50 N
increments) to represent abnormal changes due to
joint injury, resulting in 10 simulations per subject.
All simulations were performed in Abaqus (Simulia,
Providence, RI). Energy equivalent strain &
(VizxwsE), Us=strain energy density; E=modulus)
was chosen as the strain outcome because of its
association with bone adaptation. For both the
radioscaphoid (RS) and radiolunate (RL)
articulations, percent changes versus baseline (50
N) in peak CP were compared to percent changes in
peak &, determined from subchondral radius
elements (3 mm average length) in regions
underlying contact pressure distribution.

RESULTS AND DISCUSSION

Average results of the two subjects were analyzed.
With increasing load, percent changes in peak &
versus baseline for the RS articulation trended
higher than peak CP (Fig. 2). On the other hand,
changes in peak € trended lower than peak CP for
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the RL articulation (Fig. 3). Figure 4 shows
example CP distributions (top row) from 100 N and
300 N joint load simulations for the RS and RL
articulations, and corresponding & distributions on
the distal radius surface (bottom row).
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Figure 2: Percent changes in RS peak CP and &.
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The mechanism leading to the onset of post-
traumatic OA is not well understood. Only a portion
of the radius cartilage is loaded during normal
functional wrist motion (average 21%) [3]. It is
possible that the tissue preconditions to physiologic
loading over time, and may be sensitive to changes
in magnitude or location of peak contact pressure.
Also, € values above a threshold are associated with
bone apposition and vice versa. Higher changes in
peak & were observed only on the scaphoid side.
These higher strains could result in local bone
formation and consequently local increases in
stiffness. This could lead to local stress
concentrations at the cartilage-bone interface,
resulting in a degenerative response also at the
subchondral level. Also, the increased stiffness of
the subchondral bed would lead to subsequent
increases in peak contact pressure - essentially a

Back to ToC

positive feedback loop. This combination of peak
contact pressure and & could predispose the
scaphoid fossa to higher OA risk, which
interestingly, is clinically observed to initiate on the
scaphoid side [4]. Further, shift in location of peak
contact pressure due to injury may result in even
higher increases in peak strain. Due to its shape, the
lunate articulation may be protected from increases
in subchondral strains as a result of even load
distribution. However, the progression of joint
instability and degeneration eventually result in the
lunate fossa also succumbing to OA (scapholunate
advance collapse pattern of wrist OA).

Scaphoid Lunate Scaphoid Lunate
-0.0 Dorsal

4.20-02 Lateral (¢-> Medial
Volar
-0.0

Figure 4: CP (top; MPa) and ¢ (bot) distributions.

One limitation of the study was using a “projected”
cartilage surface, which is less accurate to estimate
contact pressure than actual cartilage surface.
However, using the radius surface instead of an
idealized surface, improved the geometric accuracy
of the scaphoid and lunate articular fossae.

CONCLUSIONS

We observed higher changes in peak € in relation to
peak CP, which suggests a mechanism of OA
initiation also at the subchondral level.
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INTRODUCTION

A healthy wrist is essential for hand function. Yet,
the complexity of these two, highly integrated,
multi-body, multi-joint systems often necessitates
studying their biomechanical features in isolation.
Experimental studies, for example, have separately
studied the kinematics of carpal, metacarpal, and
phalangeal joints [1-3]. Even simulation studies
rarely integrate the wrist and hand, due to the
computational challenges associated with building
robust musculoskeletal models of these intricate,
low mass, low inertia systems. For example, the
wrist has previously been excluded from models
implemented to analyze force production by the
thumb, index finger, and in multi-finger grip [4-6].

This study leverages the available experimental data
and the computational advances of previous models
to develop simulations of lateral pinch force that
integrate the wrist and thumb. We specifically study
scaphoid-excision four-corner fusion (SE4CF) and
proximal row carpectomy (PRC), common surgeries
to treat wrist osteoarthritis. These procedures
provide an ideal context to examine biomechanical
coordination between the wrist and thumb. Notably,
even though SE4CF and PRC surgically alter only
the wrist, they are known to result in decreased
lateral pinch strength [7]. Also, these surgeries
dramatically, but distinctly, alter the wrist’s bone
geometry (Fig. 1A) and kinematic function.

METHODS

To examine how surgically altering the wrist affects
lateral pinch force production, biomechanical
models of the nonimpaired wrist [8] and thumb [5]
were adapted to develop dynamic simulations for
three wrist conditions (nonimpaired, SE4CF, and

PRC; Fig. 1). The three models included fourteen
muscles (5 primary wrist, 4 extrinsic thumb, and 5
intrinsic thumb muscles). Condition-specific joint
kinematics and moment arms for each model were
based on experimental data [8, 9, 10].

AN N
iy Ry W
™ \% &)

Intact SE4CF  PRC
Fig. 1. (A) Wrist bone geometry. (B) Pinch posture.

Seven lateral pinch tasks (magnitude 0-60 N in 10 N
increments; direction pure palmar) were simulated
with each of the three biomechanical models using
two simulation approaches (Fig. 2). All simulations
were performed in OpenSim v. 3.1 [11].

To compare the joint torques necessary to produce a
given level of lateral pinch force across wrist
conditions, we implemented a computed torque
control algorithm (Fig. 2A). Each simulation
involved maintaining a static wrist posture while
producing the target endpoint force. These
simulations did not include muscle-tendon units.
Differences in the resulting torques isolate the
effects of wrist kinematics on the transformation
from joint torques to thumb-tip endpoint force.

A. Simulations of Joint Torque

| Models |" Computed
| Lateral Pinch Task |'> Torque Control

B. Simulations of Muscle Control
| Muscle Activations |-> Erne
| Models |-> Dynamics Posture

Endpoint Force

Fig. 2. Summary of the simulation approaches.
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To compare how effectively muscles produce lateral
pinch force across wrist conditions, forward
dynamic simulations were performed (Fig. 2B). In
each forward simulation, the inputs were the muscle
activations required to reproduce the lateral pinch
tasks in the nonimpaired model, calculated using
computed muscle control. Because muscle
activations were held constant across wrist models,
any differences in the simulated pinch force vectors
arise from the changes to wrist joint kinematics and
musculoskeletal geometry imposed by the surgeries.
Results of the forward simulations were compared
when the simulations reached equilibrium.

RESULTS AND DISCUSSION

Regardless of the magnitude of endpoint force
simulated, the SE4CF and PRC models required
wrist torques larger than those required by the
nonimpaired model (Fig. 3). The PRC model
consistently required the largest wrist torques (more
than 3.5 times larger than the nonimpaired model).
Torques across the three thumb joints were similar
across all models (results not shown).

2 6 PRC
SZ 4
S SE4CF
% 3
E g 2 Nonimpaired
’_
% 20 40 60

Target Endpoint Force (N)
Fig. 3 Magnitudes of wrist joint torque versus thumb-tip
endpoint force for the nonimpaired (gray), SE4CF (blue),
and PRC (red) models. Torques were decomposed into a
common anatomical frame for direct comparison.

Given the same muscle activations, the SE4CF and
PRC models produced thumb-tip endpoint forces
that were smaller in magnitude and misdirected
compared to the nonimpaired model (Fig. 4). The
misdirection of the force depended on the surgery;
SE4CF produced force in palmar and medial
directions, PRC produced force in palmar and
proximal directions (Fig. 4). The posture at
equilibrium was also different across the three
models. In addition to changes in thumb joint
posture (Fig. 4), the wrist moved by nearly 10° in
both surgical models. The equilibrium wrist posture
was neutral for the nonimpaired model, combined
radial-extension for SE4CF, and ulnar deviation for
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PRC. These postures reflect post-operative changes
in muscle moment arms [10].
36.6 N J{

Lateral
View (g,/)l 1
F SN
Distal n g‘l
View / ]
Y
Fig. 4 Representative endpoint forces from forward
simulations to produce 40 N target endpoint force. The
SE4CF (blue) and PRC (red) results are superimposed on
the nonimpaired (gray) results. Arrows represents force

(magnitude and direction); thumb illustrates the final,
equilibrium posture.

CONCLUSIONS

Changes in joint kinematics and musculoskeletal
geometry following wrist surgery likely contribute
to impairments in lateral pinch strength. Our
simulations indicate that muscles must generate
larger torques about the wrist following surgery to
produce a given magnitude of lateral pinch force
(Fig. 3). Many muscles actuating the wrist also
actuate the hand. Thus, impairments in lateral pinch
may reflect an inability to effectively coordinate
muscle activation patterns across the wrist and hand
to meet this additional task requirement. In addition,
we demonstrate that altered wrist musculoskeletal
geometry changes the transformation between
muscle activations and lateral pinch force (Fig. 4).
Both simulation studies suggest new muscle control
strategies must be learned following surgery. As a
whole, our work highlights the complex, integrated
biomechanics of the wrist and thumb.
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INTRODUCTION

Carpal tunnel syndrome (CTS) is a common
compression neuropathy of the upper extremity,
caused by entrapment of the median nerve in the
carpal tunnel. Deficient sensorimotor function
associated with CTS may cause dyscoordination of
digit forces and muscle activities in dexterous tasks.
There has been report about unstable pinch forces in
CTS patients [1], however, there is limited
understanding of CTS effects on muscle activities
during precision pinch. Coherence between two
electromyography (EMG) signals can be used to
quantify the coordination of muscle pairs.
Specifically, muscle coherence in the 15-30 Hz
range (B-band) has been shown to be associated
with maintaining steady force output [2]. The
purpose of this study was to investigate the effects
of CTS on force coordination between digits and [3-
band coherence between intrinsic muscles during
sustained precision pinch. In addition, wrist flexion
(i.e. Phalen’s maneuver) is commonly used to
provoke CTS symptoms for diagnosis purpose.
Therefore, a precision pinch task with varied wrist
postures was implemented for investigation of force
and muscle dyscoordination.

METHODS

Eight CTS patients (50.9 = 10.8 years old) and eight
asymptomatic controls (47.6 £ 14.9 years old)
participated in this study. An apparatus consisting
of two six-component force/torque transducers was
developed to measure the digit forces. A surface
EMG system was used to monitor the activities of
the abductor pollicis brevis (APB) and first dorsal
interosseous (FDI) muscles. Customized splints
were used to stabilize the wrist in 30° extension,
anatomical neutral, and 30° flexion (Fig. 1). First,

participants were instructed to maximally pinch the
apparatus with the thumb and index finger, reaching
their maximum force within 5 sec. Three maximum
pinch trials were performed for each wrist posture.
Then, the maximal pinch forces at each posture
were averaged and 10% of the averaged maximal
force was set as the target for the subsequent
submaximal task. For the submaximal task,
participants were asked to pinch the apparatus and
match the target force for 15 sec according to
graphical feedback. Ten submaximal trials were
performed for each wrist posture. The three wrist
postures were randomized and a 1-minute rest was
given between trials. Force and EMG data were
collected at a sampling rate of 1000 Hz. To avoid
the non-stationary effects at the beginning of each
submaximal trial, the data in the first 5-sec were
excluded from analyses. A force difference index
was determined as the magnitude difference
between the resultant forces of the index finger and
thumb normalized by target force. In addition, a
force angle was calculated between the 3D force
vectors of the two digits to quantify the directional
opposition. Muscle coherence was computed as the
cross-spectrum normalized with respect to the
square root of the auto-spectra of the associated
EMG signals, followed by a Fisher’'s Z-
transformation. The average coherence in the [-
band between the APB and FDI muscles was
calculated.

(A) _...--

Figure 1: Experimental setup with the wrist in 30°
extension (A), anatomical neutral (B), and 30°
flexion (C).
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Two-way repeated measures ANOVAs (one factor
repeated) were performed to test the effects of
group (CTS and control) and wrist posture
(extension, neutral, and flexion) on force difference
index, force angle, and muscle coherence. Post hoc
Tukey's tests were performed for pairwise
comparisons. The a level was set at 0.05.

RESULTS AND DISCUSSION

An interaction effect of group and posture was
found on the force difference index (p = 0.01),
although the main effect of group or posture was
insignificant. Within the control group, there was a
significantly higher value of force difference index
in flexion than in extension (Fig. 2A). On average,
the greatest group difference in the force difference
index was found in wrist flexion (0.34 + 0.23 for
controls and 0.17 £+ 0.29 for CTS patients). For the
force angle, the difference between groups was on
average greatest in wrist flexion (Fig. 2B), although
the difference was not significant. In wrist flexion
the control group had a force angle of 158.3 + 4.5°,

whereas the CTS group had an angle of 164.8 + 6.2°.

For the B-band coherence, the largest difference

between groups was also found in wrist flexion (Fig.

2C). The control group had a coherence value of
0.14 + 0.03 in wrist flexion while the CTS group
had a value of 0.16 + 0.03; however, the difference
was not statistically different.

The wrist flexion posture at 30° employed in this
study was relatively moderate in comparison to the
clinically used wrist flexion for Phalen’s test. We
expect that a more flexed wrist flexion would allow
us to observe a greater difference between groups.
Furthermore, this preliminary study has a small
sample size. Statistical power is expected to
increase when more subject data are collected.
Consistent with previous findings [1], the index
finger generated more force than the thumb during
submaximal pinch. In the control group, the force
contribution of the index finger significantly
increased in wrist flexion relative to extension,
which may be due to more diminished thumb flexor
function with flexed wrist [3]; however, the trend
was not observed in the CTS group. Additionally,
on average, the CTS group had a greater force angle
(i.e. better opposition) than the control group. This
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counterintuitive result may be attributable to thenar
muscle weakness in CTS patients [4]. Weak thenar
muscles decrease thumb abduction, making the
thumb force vector orient more towards opposition.
Furthermore, better opposition of the thumb and
index finger may lead to less force difference
between digits for the torque balance. Although
thenar muscle weakness may result in greater digit
force opposition during pinching on a stabilized
object, this mechanism may not be practical for
daily activities requiring high-level sensorimotor
control. In the results of muscle coherence, on
average, a higher value of B-band coherence was
observed in CTS patients with their wrists in flexion.
The modulation of muscle coherence has been
associated with sensorimotor processing, which
could be sensitive to changes in peripheral inputs
[2]. It could be postulated that the increase in -
band coherence in CTS patients is a compensatory
mechanism for flexion-induced exacerbation of
symptoms.
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Figure 2: Force coordination (A and B) and muscle

coherence (C) during submaximal precision pinch.
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INTRODUCTION

The goal of this study was to develop and validate a
new clinically applicable approach to measuring
scapulothoracic (ST) kinematics among typically
developed individuals. Accurate assessment of ST
kinematics is important for understanding functional
limitations of the shoulder and upper extremity [1].
Current efforts to measure shoulder function often
provide no differentiation between scapulothoracic
and glenohumeral joint contributions to shoulder
motion [2]. Techniques that attempt to quantify
these measures are often inaccurate, invasive, time
consuming, induce large amounts of radiation
exposure, and/or require the subject to lie
horizontally in an enclosed space. Traditional 3D
motion capture has been used effectively to measure
kinematics of bones that move with the skin, such
as the humerus, but has failed to provide accurate
estimates of scapular kinematics. We believe,
however, that 3D motion capture data can be used
in an innovative way to estimate scapular
kinematics. Individualized mathematical algorithms
that estimate dynamic scapular orientation based on
measured humeral orientations and/or acromion
process (AP) displacements were developed using
motion capture data collected in multiple static
poses. The mathematical algorithms were validated
using a technique recently established by our lab
that utilizes bone models and biplane fluoroscopy to
perform a 2D to 3D matching process [3]. The
algorithms provide a clinically useful tool for
measuring ST kinematics that can be extended to
patient populations.

METHODS

Individualized mathematical algorithms were
developed for two subjects. Algorithm development
is based on the principle that scapular orientation is

a function of humeral orientation and AP
displacement. For any given humeral orientation
and AP displacement, the scapular orientation is
expected to be consistent, regardless of the path of
motion used to reach that position. This approach
also assumes that the scapula moves in a consistent
manner throughout an individual’s entire range of
motion. Mathematical algorithms were created for
each subject using motion capture data (Motion
Analysis Corp, Santa Rosa, CA) from eleven static
positions: neutral, abduction, hand to mouth, hand
to neck, elevation, forward reach, extension, hand to
spine, external rotation, internal rotation, and
flexion. Equations to estimate scapular orientation
from AP displacement data and humeral orientation
were developed using two different approaches:
multiple linear regression (LR) and artificial neural
networks (NN). Humeral orientation was calculated
as humerothoracic (HT) helical angles, i.e. the
helical angle between the trunk and the humerus,
and AP displacement was calculated as the
displacement of the AP marker along the Y axis
(inferior/superior) and the X axis
(anterior/posterior) of the trunk. The predicted
values were scapula orientation, calculated as ST
helical angles, i.e. the helical angle between the
trunk and the scapula. Helical angles are calculated
as a theta angle and an XYZ vector. The theta and
vector are then resolved into the X, Y, and Z
components. Each individual has an equation to
estimate the ST X component, an equation to
estimate the ST Y component, and an equation to
estimate the ST Z component. The LR algorithms
and the NNs were applied to dynamic trials in
which the individual moved continuously through
the eleven positions listed above. The accuracy of
the algorithms was determined by the correlations
and average differences between the algorithms
predicated ST angles and the validation ST angles.
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RESULTS AND DISCUSSION

The ST X and ST Z angles estimated from the linear
regression algorithms for subject 1 were highly
correlated with the validation ST X and ST Z
angles, while the ST Y angles were mildly
correlated (Table 1). All three ST angles estimated
from the linear regression algorithms for subject 2
were highly correlated with the validation ST
angles. Subject 2’s neural network estimated ST
angles were all highly or mildly correlated with the
validation ST angles (Table 1). Subject 1°’s ST Y
neural network angles were poorly correlated with
the validation angles, but the ST X and ST Z neural
network angles were very highly correlated with the
validation ST angles.

Table 1: Correlations

LR | LR | LR | NN | NN | NN
X Y Z X Y Z
Subj 1 [0.93]0.54(0.90|0.90 | *0.43 | 0.91
Subj2 | 0.90|0.75]|0.96 | 0.89 | 0.51 |0.67

* 1 < 0.5 signifies a poor correlation

Clinical accuracy was determined with average
differences presented in Table 2. All average
differences were less than 10° for both subjects and
both mathematical approaches. Figure 1 shows the
actual ST motion about all three axes as compared
to the ST motion estimated with LR and NN during
the dynamic trials.

Although both mathematical approaches were able
estimate ST angles throughout the entire motion, the
LR technique estimated ST angles that resulted in
higher correlations and smaller average differences
when compared to the validation angles. The LR
technique is also easier to implement, making this
method extremely clinically applicable.

Regional clinicians have expressed that errors less
than 10° provide the accuracy needed to aid in
reconstructive surgery decisions, outcome
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assessments, and rehabilitation strategies. While the
LR equations were not as highly correlated for the
ST Y angles, the average differences for all axes
were well below 10°. It takes less than thirty
seconds of computing time to generate the three LR
equations for one subject, and less than thirty
minutes to collocate the necessary motion capture
data, making the algorithm development a fast, non-
invasive, and clinically accurate tool for
determining dynamic scapular orientation. This new
technique is expected to drive future work in
musculoskeletal modeling, clinical trials, and basic
research that will add further insight into impaired
shoulder function.

Subject 1 Scapulothoracic Angles

X \% 7 eeeeanas LRX  ceveeunn LRY
--------- lRZ -----NNX =-----NNY =-----NNZ
Figure 1: ST angles during dynamic trials

compared to the validation standard ST angles.
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INTRODUCTION

Work-related musculoskeletal disorders (MSDs) of
the upper extremity are one of the most frequently
reported workplace injuries in Ontario Canada [1].
The rotator cuff muscles of the shoulder are
frequently injured in the workplace. These muscles
are important in maintaining glenohumeral stability
and function. These roles make it valuable to
understand the implications of fatigue in this muscle
group. Muscle fatigue during repetitive work can
cause people to adopt kinematic and muscular
strategies to continue working and maintain task
performance [2]. These compensations can be
adaptive to maintain task performance or
maladaptive and increasing risk of injury. To
understand these complex compensations during
work tasks we must first understand how simple
movements are impacted by muscle fatigue. The
purpose of this study was to quantify kinematic and
muscular compensations to rotator cuff muscle
fatigue during simple glenohumeral motions.

METHODS

Male participants (n=10) completed 5 glenohumeral
motions before (pre-fatigue) and after (post-fatigue)
a fatigue protocol designed to target the internal and
external rotators of the shoulder complex. The 5
glenohumeral motions were: (i) 120° sagittal plane
elevation, (i1) 120° scapular plane elevation, (iii)
120° frontal plane elevation, (iv) cross-
flexion/extension, (v) internal/external rotation. All
exertions were performed while holding a 2 kg
weight.  Participants were given 10 seconds to
complete each exertion and instructed to move at
their own pace. The fatigue protocol consisted of a
series of dynamic and isometric efforts completed in
a cyclic manner using a dynamometer (Biodex
System 4, Biodex Medical Systems, NY, USA).
The dynamic efforts consisted of 10 concentric-
concentric isokinetic exertions (60°/s, 15% MVC)

and the static efforts were 30 seconds of external
rotation followed by 30 seconds of internal rotation
(both at 45° external rotation, 25% MVC). The
dynamometer constrained movement speed and
torque level was maintained using visual feedback
(Labview 8.2, National Instruments, Texas, USA).
This cycle was continued until participants were
unable to maintain the required 25% force output
for 2 consecutive cycles or voluntarily ended the
protocol. The 5 glenohumeral motions were
repeated immediately following the fatigue
protocol. To minimize order effects, the pre- and
post-fatigue exertion orders were randomized.

Kinematic data were collected using an
electromagnetic tracking system (Polhemus 3Space,
Fastrak, Colchester, VT, USA). Scapular kinematics
were measured using an electromagnetic sensor
placed on the base of a custom scapular tracker [3].
A digitizing stylus was used to digitize bony
landmarks. Muscle activity from 14 upper

extremity, back and chest muscles were recorded
using surface electromyography (TrignoTM,
Delsys, MA, USA). To quantify fatigue,
submaximal static reference efforts and maximal
internal-external rotation efforts (Series 5 Mark-10
force gauge) were performed before and
immediately after the fatigue protocol.

Figure 1. (A) Internal/external rotation fatigue
protocol in Biodex dynamometer (B) Participant
performing 120° of elevation in the frontal plane.



Joint angles for the humerus, thorax and scapula
were calculated in accordance with ISB standards.
EMG data were linear enveloped (F.=3 Hz) and
normalized to each muscle’s maximum activation.
Using the resultant humeral angular displacement,
the EMG and kinematic data were cut to include the
motion portion of each trial. Summary variables
(mean, peak) were calculated for 3D joint angles
and muscle activity. Time to peak angular
displacement, velocity and acceleration were also
included in the analysis. Multiple repeated measures
ANOVA were used for the statistical analyses
(SPSS 20.0, SPSS Inc., Chicago, IL, USA).

RESULTS AND DISCUSSION

Following the fatigue protocol, participants
displayed signs of muscle fatigue (>8% decline in
median power frequency between pre and post
fatigue submaximal reference exertions) in 5/14 of
the monitored muscles: infraspinatus, clavicular
head of pectoralis major, triceps brachii, latissimus
dorsi, and serratus anterior.

Specific muscle activity compensations following
fatigue were dependent on the glenohumeral motion
examined. After the fatigue protocol, participants
used a combination of increased mean deltoid
(anterior, middle and posterior), trapezius (middle,
upper) and latissimus dorsi activity (all p < 0.05) to
elevate the arm in the scapular plane.

Most participants displayed noticeable kinematic
differences during the post-fatigue movements.
Variability in the response between participants
(Figure 2), make it challenging to fully capture
these compensations using descriptive statistics. No
significant kinematic changes were seen during
elevation in the scapular plane. However, there was
a slight reduction in trunk flexion in the frontal
plane. During cross flexion, humeral, scapular and
trunk joint angles were all affected by rotator cuff
muscle fatigue (p < 0.05). Preliminary analyses
suggest scapular adaptations may serve to increase
the width of the subacromial space.  These
impingement sparing adaptations have also been
observed during more complex work tasks [2].
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Participants were able to utilize the kinematic and
muscular flexibility afforded by the shoulder to
perform glenohumeral motions following rotator
cuff fatigue. Applying these compensations to more
complex workplace tasks will give insight into
expected strategies to repetitively perform these
tasks.

Pre-Fatigue Post-Fatigue

Abduction Abduction

Flexion Flexion

Joint Angle (degrees)

Time (% of movement)

Figure 2: Humeral angles with respect to the thorax

during a  glenohumeral abduction-adduction
movement (frontal plane) pre- and post-fatigue.
Each line colour represents a different participant
(n=8). The length of each trial is normalized to
100% of the motion.
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INTRODUCTION

The shoulder is stabilized by passive structures and
active muscle forces. The interaction between these
factors is critical for normal joint function and the
evaluation of shoulder pathologies. The objective of
this study was to investigate how passive structures
and actives muscle forces regulate three-
dimensional (3D) joint mechanics during volitional
contractions. We quantified impedance of the
shoulder in three clinically relevant planes of
motion to reliably assess multidimensional joint
function. We hypothesized that the coupling of joint
impedance between different planes of motion of
the shoulder would be significant and enhanced
with muscle activation. This work may provide a
novel approach for quantifying the 3D mechanics of
the human shoulder, and ultimately for tracking
altered mechanics following injury or rehabilitation.

METHODS

The right shoulder of four male subjects (mean age:
35 yrs, weight: 71 kg, height: 176 cm) with no
history of shoulder injury was placed in a
removable cast and attached to a high-precision
rotary motor with an encoder and six-degree of
freedom load cell. Subjects were perturbed in one of
three planes of motion in a random order, while the
resultant torques were measured in all three degrees
of freedom (Fig. 1). Our measurement coordinate
system was aligned with established biomechanical
guidelines [1]. Subjects were asked to maintain a
constant shoulder torque during 60-second
experimental trials. In each perturbation direction,
measurements were acquired as subjects maintained
a net torque level scaled to +10% of their maximum
voluntary contraction (MVC) in each of the three
torque directions. Measurements were also made in
the passive condition. Two trials were performed in
each of the seven testing conditions and three
perturbation directions, yielding 42 trials.

Joint impedance, the dynamic relationship
describing the torque response to an imposed
change in joint angle, was estimated using small,
stochastic perturbations. Model structure was
determined with nonparametric identification; these
estimates were then approximated by a 2™ order
linear system with inertial, viscous and elastic
parameters [2]. The current study focused on the
elastic parameter, otherwise known as stiffness. For
each perturbation and torque direction, stiffness was
represented as 3 x 3 matrix, where the diagonal
terms are the direct response and the off-diagonal
terms are the coupled response to a perturbation of
posture. A bootstrapping procedure was used to
estimate the mean and confidence intervals for the
stiffness matrices for the different experimental
conditions for each subject. These matrices were
represented as 3D stiffness ellipsoids. Descriptions
of these ellipsoids (size, shape, and orientation)
were adapted from prior work [3].

(a) y (b) (c)
LCD Display

Load Cell
Vertical Adduction (e) Horizontal Adduction (y)
o 003 TG
2= LT L1
ST ‘M\.“m‘ LI |
2.003 LJ | WIN0U L LIEY Y
— 20
E 1 1
E 0 Sabbab i b e e
> W AP
(] | |
= ! fi! !
=20
- 20
E ‘ l |
<
o 0
- | |
=20
— 20
: |
s o} A WYL SR SIS ST TSR
o
-20

0 Time (sec) 10 0 Time (sec) 10 0 Time (sec) 10
Figure 1. A single-axis rotary motor perturbed the shoulder in one of
three orthogonal directions (a)—(c). Visual feedback assisted subjects
in matching the desired target. The coordinate system is also shown.
Exemplar passive trials show the resultant 3D torque response to the
imposed perturbation is shown below each illustration.
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RESULTS AND DISCUSSION

Stiffness ellipsoids for a typical subject are shown
in Figure 2, which graphically depict the directions
where the shoulder is most resistant to external
perturbations of posture. Muscle activation
increased stiffness, as demonstrated by the larger
size of the active ellipsoids when compared to the
passive ellipsoid. The norm of the stiffness matrix
eigenvalues is indicative of the greater shoulder
stiffness across subjects with volitional activation
(Table 1). Shoulder stiffness was highly anisotropic,
or stiffer in certain direction that others. Shape, or
the ratio of the matrix eigenvalues, is indicative of
this anisotropy. Ratios equal to one are indicative of
isotropic stiffness, but these ratios were less than
one across subjects (Table 1).

The stiffness ellipsoids provide insights into the
coupling between different degrees of freedom of
the shoulder. The production of a net torque in a
given direction should orient the stiffness ellipsoid
along the orthogonal axis of torque generation if no
stiffness coupling was present. The ellipsoids in
Figure 2 indicate stiffness coupling is present.
Passive shoulder stiffness was orientated away from
the orthogonal shoulder axes, as the relative angle

Passive Internal Rotation (10% MVC)
V.Ad.(+0)! V.Ad.(+0)
239° HAd(+y) H.Ad.(+y)
£ 66° R(+9) ‘24‘|R(*0)

Horizontal Adduction (10% MVC) Vertical Adduction (10% MVC)

V.Ad.(+0),

V.Ad.(+0)

<« 38°
H.Ad.(+y)

LR.(*+¢)

e 5 Nm/rad

Figure 2. 3-D stiffness ellipsoids under passive and active conditions
for a representative subject. Stiffness ellipsoids representing passive
and net torques of 10% MVC in internal rotation, horizontal adduction,
and vertical adduction are shown. The principal axis of each ellipsoid is
shown as a blue line projecting out of the ellipsoid. The relative angle
between the principal axis and the orthogonal shoulder axes are labeled.
To highlight the anisotropy of these ellipsoids, a scale drawing of a 5
Nm/rad isotropic ellipsoid is depicted on the bottom.
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between the principal axis of the passive stiffness
ellipsoid and the closest orthogonal shoulder axis
was 30.5 £ 8.1°. The direction of torque production
altered the degree of coupling as well, as the
stiffness ellipsoids were aligned closest to the axis
of torque generation (Table 1).

There is a pertinent clinical need to better prevent,
diagnose and treat shoulder injuries. The current
study shows the utility of quantitative impedance
methods in estimating the 3D mechanics of the
healthy shoulder. The anisotropy of shoulder
stiffness indicates certain directions are less
resistant to external perturbations, and therefore
may be more prone to injury. The observed stiffness
coupling within the shoulder is indicative of
underlying neuromuscular mechanisms. These
methods will enable future work to compare how
coupling differs for different shoulder pathologies.

CONCLUSIONS

The shoulder muscles provide significant
mechanical coupling between different degrees of
freedom, and may offer a more complete
description of healthy joint mechanics.
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Table 1: Mean (£ 1 S.D.) size, orientation and shape of shoulder
stiffness ellipsoid across subjects.

Norm Rel. Angle

Condition O M A (deg)

Int/Maj Min/Maj

0% 56 +25 0.76 £0.13 0.33+0.14
10% V.Ad  752+310 29+3 0.60+0.18 0.43+0.07
-10% V.Ad  1132+208 34+23 0.53+0.14 0.24+0.06

10% LR. 240 £ 97 44 £ 17 0.69+0.19 0.38+0.15
-10% L.R. 358 £ 158 34+ 17 0.65+0.10 0.33+0.08
10% H.Ad 368 £ 99 27+ 19 0.69+0.07 0.31+0.04
-10% H.Ad 553 +£322 40 £ 20 0.64+0.08 0.28+0.07

Abbreviations: Torques were scaled to MVCs generated in vertical
adduction (V.Ad), internal rotation (I.R.), and horizontal adduction
(H.Ad). The size of the ellipsoids is the norm of the eigenvalues.
Orientation is the relative angle between the principal axis and the
axis of torque generation. Shape is the ratio of the intermediate (Int)
or minor (Min) eigenvalues relative to the major (Maj) eigenvalue.
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LOADING PATTERNS VARY BY DIRECTION, FOOTWEAR, AND FOOT-STRIKE IN RUNNING
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INTRODUCTION

Foot-strike pattern manipulations in running have
previously identified alterations in three-
dimensional (3D) loading rates, with potential
implications for understanding injury mechanisms
[1,2]. The use of minimalist footwear has also been
promoted as a means of reducing running injuries,
ostensibly mimicking barefoot running and
facilitating foot-strike changes [3]. Comprehensive
analysis of 3D loading patterns across footwear and
foot-strike manipulations may therefore provide
insight into interactions among these factors.

The purpose of this investigation was to examine
3D loading patterns following footwear and foot-
strike manipulations in over-ground running. Inter-
axis loading pattern changes were hypothesized in
contrasting footwear and foot-strike conditions.

METHODS

Twenty volunteers free of lower extremity injuries
(9M, 11F, age: 25.3 £ 3.6 y, mass: 73.2 + 13.7 kg,
height: 1.68 £+ 0.09 m) provided institutionally
approved informed consent prior to participation.
Subjects completed 15 over-ground running trials
(14 analyzed) in each of 6 experimental conditions,
including 3 foot-strike (forefoot, mid-foot, rear-foot
strike; FFS, MFS, RFS, respectively) and 2
footwear conditions (neutral cushioned [New
Balance ® 680V2] & minimalist [New Balance ®
Minimus Hi-Rez]).

Prior to over-ground running trials, a treadmill
warm-up was completed using each subject’s
natural foot-strike pattern (self reported and visually
identified: 50% RFS & 50% MFS/FFS among
subjects). Approximately 5-minute accommodation
periods were provided in each footwear type,
simultaneously obtaining preferred running speed.

Over-ground running trials were carried out on a
20m runway, controlling running speed via timing
gaits (+5% preferred speed; Lafayette Model
63501IR). Instructional videos and practice trials
were provided before blocked foot-strike and
footwear conditions. Condition order was
counterbalanced.

Kinetic data were collected during the stance phase
of the right limb using a force platform (Kister Type
9281CA; 2000Hz; GRFz > 20N), with synchronized
kinematic data collected via 10-camera motion
capture system (Vicon Plugin-Gait; MX-T40S;
200Hz) and sagittal reference video of the foot at
ground contact (Basler piA640-210gc; 50Hz).
Kinematic analyses were limited to foot segment
angle at ground contact and point of foot contact
from sagittal video as means of corroborating foot-
strike patterns. Kinematic and kinetic data were
low-pass filtered (15 & 50Hz cutoffs, respectively).
GRFz data were normalized to bodyweight (BW),
with  loading rate-time profiles computed
independently for X, Y, & Z axes using first central
difference differentiation (BW/s).

Loading patterns were assessed using principal
component analysis (PCA) on the 3D loading rate-
time series in each axis, footwear and foot-strike
condition. Prior to performing PCA, each time
series was temporally normalized to 101 data points
using cubic spline interpolation. Loading rate time
series variables were converted to z-scores in each
axis (X, Y, Z), subtracting the mean and
normalizing to the standard deviation of each
subject’s condition. PCA was then performed on a
5040x101 dimension matrix (20 subjects x 14 trials
x 3 axes x 3 foot-strike x 2 footwear). PCs
exceeding 10% explained variance were interpreted.
Inferential testing was carried out on PC scores after
computing the mean from each participant.
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Separate 3-way repeated measures factorial
ANOVAs (3x3x2; axis x foot-strike x footwear)
were conducted for each PC, testing differences
among loading patterns observed in each axis, foot-
strike, and footwear condition. Follow-up factorial
and one-way repeated measures ANOVAs, along
with pairwise comparisons, were carried out as
necessary. Degrees of freedom were adjusted with
Huynh-Feldt corrections, with Bonferroni adjusted
pairwise comparisons (a=0.05). Differences among
foot segment angle at ground contact in each
desired foot-strike pattern were tested via one-way
repeated measures ANOVA.

RESULTS AND DISCUSSION

Foot segment angle at contact differed among
desired foot-strike patterns (FFS: -12.0+7.1°, MFS:
2.5+10.8°, RFS: 20.3+5.3°; F[2,38]=122.0, p<.001,
n*=.87; pairwise comparisons: p<.001), verifying
the distinction among foot-strike conditions.

Two PCs were extracted (PCl: 42.5% & PC2:
22.8% explained variance). From visual inspection,
PC1 captured a source of variation characteristic of
loading rate-time curves lacking an observable GRF
impact peak during braking [1,2]. In contrast, PC2
captured a source of variation characteristic of
loading rate-time curves demonstrating a GRF
impact peak during braking [1,2]. The interaction
among axis, footwear and foot-strike was significant
in each PC (PC1: F[2.1,40.1]=5.6, p=.007, 772=.23;
PC2: F[2.0,38.4]=62.3, p<.001, °=.77).

PC1 scores were interpreted in the context of impact
attenuation, differing by axis, footwear, and foot-
strike pattern. In each footwear condition, vertical
PC1 scores during FFS exceeded MFS and RFS
(p=<.016), indicating FFS impact attenuation.
Vertical impact attenuation in cushioned RFS
exceeded minimalist RFS (p<.001). In each
footwear condition, anterior-posterior PC1 scores
differed by foot-strike (RFS>MFS>FFS, p<.001),
highlighting anterior-posterior impact attenuation in
RFS. Anterior-posterior impact attenuation in
minimalist FFS exceeded cushioned FFS (p<.001),
while cushioned RFS impact attenuation exceeded
minimalist RFS (p=.013). In each case, vertical PCI
scores exceeded anterior-posterior and medial-
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lateral (p<.001), demonstrating lesser sensitivity to
vertical impact features [2].

PC2 scores were interpreted relative to impact
characteristics typically observed during braking in
3D loading rate-time series [1,2]. Greater vertical
PC2 scores were observed in minimalist RFS,
relative to minimalist FFS and MFS (p<.001),
indicating  greater impact characteristics in
minimalist RFS. Cushioned FFS demonstrated
greater impact characteristics relative to minimalist
FFS (p<.001). In each footwear condition, anterior-
posterior PC2 scores differed by foot-strike
(FFS>MFS>RFS, p<.003), indicating greater
anterior-posterior impact characteristics in FFS and
MFS. Anterior-posterior impact characteristics in
cushioned FFS exceeded minimalist FFS (p<.001).
Medial-lateral impact characteristics were lesser in
RFS, relative to FFS and MFS in both cushioned
and minimalist shoes (p<.001). Medial-lateral
impact characteristics for cushioned shoes exceeded
minimalist for both FFS and RFS (p<.002).

CONCLUSIONS

Assessment of the loading rate-time series via PCA
allowed distinct impact features to be identified,
highlighting inter-axis changes among footwear and
foot-strike conditions. Cushioned footwear provided
vertical impact attenuation in RFS running, though
minimalist footwear demonstrated anterior-posterior
and medial-lateral impact attenuation relative to
cushioned FFS running. The selection of
appropriate footwear is therefore likely dependent
on foot-strike pattern. Changes in foot-strike,
however, alter impact-loading direction, which
likely requires time for adaptation following
interactive footwear and foot-strike adjustments.
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INTRODUCTION

Past studies have investigated the use of gait
retraining programs aimed at reducing impact
loading in runner at risk of tibial stress fractures. In
one study, Crowell and Davis [1] attached a
hardwired accelerometer to runner’s legs to provide
them with visual feedback of the tibia shock
associated with impact. Runners were also
instructed to “run softer” and “make their footfalls
quieter”. Runners successfully demonstrated a
significant reduction in impact forces and tibial
shock after 2 weeks of training and 1 month later.
One limitation to this method of gait retraining is
the cost of the equipment and technical training
required to provide the accelerometer feedback.

Verbal instructions related to the sound of impact
have been implemented successfully in the
retraining of other motor activities, such as jump
landings [2]. Recent advances in technology have
provided researchers with mobile devices (eg, smart
phones and tablets) that are capable of providing
objective feedback (eg, decibel levels) via built in
microphones. It remains unknown if a simple verbal
instruction and external feedback of the loudness of
a runner’s impact could result in meaningful
reductions in impact forces during running.
Therefore, the aim of this study was to assess the
immediate effects of verbal instructions with and
without decibel meter feedback during running on
key variables associated with tibial stress fractures

[3]
METHODS

A total of 19 recreational runners participated in this
study. Participants  either received verbal
instructions only (VO) or verbal instruction plus
decibel meter feedback (V+DM) (Table 1). Each

participant met the following criteria: 1) currently
running at least 6 miles/week; 2) rearfoot striker; 3)
familiar with treadmill running; 4) no known
hearing problems; and 5) free of any current lower
extremity injuries. The study was approved by the
university’s IRB and informed consent was
obtained from each participant.

Table 1: Mean (SD) for group demographics.

VO group V+DM group

n=8; 2F/6M | n=11; 9F/2M
Age, yr 20.4 (2.1) 24.0 (2.0)
Height, m 1.67 (0.8) 1.74 (0.07)
Weight, kg 59.2 (7.5) 66.9 (9.6)
Running speed, 2.98 (0.32) 2.93 (0.25)
m*s™

Participants first performed a 5-minute run on a
treadmill to serve as a warm-up and establish their
self-selected running speed. Baseline data collection
was then performed for over-ground running.
Participants ran along a 10m runway landing with
the right foot on a 40 X 60cm force plate (sampled
at 1200Hz) centered along the runway. Each
participant performed 5 good trials at their self-
selected running speed. After baseline data
collection, participants underwent gait retraining on
the treadmill. Participants in the VO group were
instructed to “run as quietly as possible”.
Participants in the V+DM group received
continuous decibel meter feedback provided
visually via an IPad application (SPLnFFT Sound
Meter, version 5.2) and were instructed “to decrease
the decibel level as much as possible while trying to
run as quietly as possible”. Each participant
performed the gait retraining for 15 minutes at his
or her self-selected speed. After gait retraining,
participants performed 5 more acceptable trials of
over-ground running at their previously determined
speed. Participants were reminded to use the same
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running strategy he or she wused during gait
retraining.

Kinetic variables of interest were identified using a
custom LabVIEW program. An independent t-test
determined whether there were group differences in
running speed. Mixed-model ANOVAs were used
to analyze differences in the following variables at
baseline and after gait retraining: vertical impact
peak (VIP), vertical instantaneous loading rate
(VILR), vertical average loading rate (VALR), and
vertical propulsion peak (VPP).

RESULTS AND DISCUSSION

No group difference was demonstrated in self-
selected running speed. Each mixed-model
ANOVA revealed a significant main effect for time
for VIP, VILR, and VALR indicating a decrease in
magnitude as a result of gait retraining (Table 2).
The main effect for group was not statistically
significant for VIP, VILR, or VALR. A trend
(P=0.07) for VIP interaction effect indicated a
greater decrease in the V+DM group compared to
the VO group. Percent changes in VIP, VILR, and
VALR for the VO group ranged from 10-22%,
while percent changes in the same variables for the
V+DM ranged from 30-38%. There were no
significant main effects or interactions for VPP.
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Gait retraining consisting of verbal instructions with
and without decibel meter feedback resulted in
clinically meaningful changes in variables
associated with tibia stress fractures. Based on the
percent changes, it appears that the addition of the
decibel meter feedback resulted in a greater
reduction in vertical impact peaks and vertical
loading rates.

Verbal instructions with decibel meter feedback
provided via portable devices that many people own
may provide clinicians with a simple way to provide
gait retraining to runners at risk of tibial stress
fracture. It remains unknown if the immediate
reductions demonstrated in this study would
become permanent. Further research is needed to
demonstrate if permanent change (ie, motor
learning) would occur with additional training.
Further research is also warranted to compare the
magnitude of reductions in loading achieved with
this method of gait retraining to comparable
methods (eg, cadence modification).
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Table 2: Means (SD) for variables of interest in both groups at baseline and after gait retraining.

Variable Baseline After Gait Retraining
Vertical impact peak (BW)
VO group 1.51 (0.25) 1.36 (0.15)*
VV+DM group 1.58 (0.30) 1.11 (0.37)*
Vertical instantaneous loading rate (BW*s™)
VO group 100.54 (24.90) 64.65 (22.89)*
VV+DM group 85.68 (26.60) 67.49 (16.94)*
Vertical average loading rate (BW*s™)
VO group 86.35 (22.57) 53.80 (18.87)*
\VV+DM group 74.36 (22.78) 58.80 (16.27)*
Vertical propulsion peak (BW)
VO group 2.43 (0.15) 2.37 (0.23)
VV+DM group 2.30 (0.11) 2.30 (0.20)

Abbreviations: BW, % body weight; VO, verbal instruction only; V+DM, verbal instruction plus decibel

meter feedback.
*significant main effect for time (p<0.05)
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INTRODUCTION

In stark contrast to the recent trend of minimalist
running shoes, highly cushioned shoes have begun
to emerge on the running shoe market. These types
of shoes have noticeably thicker midsoles, with up
to 2.5 times more cushioning than standard running
shoes. Manufacturers claim their designs offer
more shock attenuation upon impact, thereby
reducing injury risk as (Fig. 1a). [1] It has been
documented that wvertical impact loading and
loading rates have been linked to injuries in runners.
[2,3] We have previously reported higher vertical
ground reaction force loading rates in runners while
wearing highly cushioned shoes compared to
standard neutral shoes. [4] Ground reaction forces
are measured at the shoe-ground interface and may
not directly reflect what the leg is experiencing.
Therefore, we sought to examine the effect of the
additional cushioning on distal tibial accelerations.
Based on our previous findings [4], we expected
that tibial accelerations would be higher when
running in the highly cushioned shoes.

¥ 3

Figure 1: Medial right foot in A) high-cushioned and B)
standard shoes. C) Accelerometer coordinate system.

METHODS

7 healthy male runners (age = 32.9+12.3 years,
height=1.767+0.040 m, weight=72.58+ 12.75 Kkg)
have been recruited, to date, in this ongoing study.
All participants had to run at least 10 miles per
week in standard running shoes. Prior to data
collection, tri-axial accelerometers (IMeasureU,
Auckland, NZ) were strapped around the ankles
bilaterally. The accelerometer was affixed tightly to
the distal medial tibia such that the vertical axis was
aligned with the long axis of the tibia (Fig. 1c). A
single marker was placed on the lateral aspect of the

MA'nc out of pags

right foot in order to match the foot to the correct
ground reaction force data. Following a 3-minute
warm-up period, subjects ran on an instrumented
treadmill (AMTI, Watertown, MA) in a standard
neutral shoe (SNS; Nike Air Pegasus) at a self-
selected speed (mean: 2.61 m/s) and 20 consecutive
footstrikes were collected. The process was then
repeated in the highly cushioned shoes. (HCS; Hoka
One One, Stinson). An 8-camera motion capture
system (Vicon, Oxford, UK) recorded both the force
(1500 Hz) and marker (250 Hz) data. Acceleration
data was collected at 1000 Hz using a trigger from
Vicon to start and stop collection.

To ensure accelerometers were on the tibia, they
were placed slightly anterior (Fig 1c). This results in
the accelerometer’s AP and ML axes only being in
the vicinity of tibial anatomical AP and ML axes,
respectively. Because the accelerometer and
anatomical axes are not aligned, results will be
reported in the coordinate system of the
accelerometer (Acc). The longitudinal axis of the
tibia and the vertical axis of the accelerometer
(VAcc) were better aligned.

Variables of interest were the peak tibial
accelerations in the wvertical (VAcc), medial
(MAcc), lateral (LAcc) and posterior (PAcc)
directions, as well as the resultant acceleration
(RAcc). The vertical average loading rates (VALR)
was also assessed.

Due to the preliminary nature of these data, only
descriptive statistics are being pr