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INTRODUCTION 
We can induce the feeling that a virtual hand is a part of one’s 
body [1]. However methods of measuring this phenomenon rely 
on subjective methods such as questionnaires and single event 
galvanic skin response (GSR), collected when the illusion is 
broken. While the illusion exists, its effects on one’s motor 
behavior have not been evaluated. The ability to measure and 
modulate ownership over an artificial limb can potentially help 
improve function of prostheses and immersion in virtual 
environments. This paper presents results from a study 
quantifying the kinematic and GSR responses to a task that 
creates a continuous threat around an artificial hand, which 
participants believe to be their own because of a visuo-tactile 
sensory illusion called the rubber hand illusion.  
 
METHODS 
In a novel experimental paradigm approved by the UW 
Institutional Review Board, 10 participants were seated with 
their left hand visually occluded and connected to GSR sensors 
(Figure 1). All participants were then exposed to a sequence of 
tactile and visual feedback by brushing of a visible artificial 
hand, placed in the same pose as the participant’s occluded left 
hand (Figure 1). The tactile feedback was spatially collocated 
but was temporally randomized between either synchronous 
(simultaneous) or asynchronous (offset) conditions. After 2 
minutes of application of the brush, participants were asked to 

stab in the inter-finger regions of the rubber hand with a 3-D 
printed replica knife, attached to an Oculus Touch Controller 
and a PHANTOM robot (Senseable Technologies). The rubber 
hand was placed in a hand guide with the fingers apart, identical 
in pose to another guide in which the visually occluded real 
hand rested on a shelf below.  
 
The stab sequence begins in the inter-finger region, R1, and 
progresses to the subsequent inter-finger regions, R2, R3 and 
R4, always alternating each stab with a stab in R1, (Figure 1) in 

time to the beat of a gradually ascending metronome between 
70 beats per minute and 180 beats per minute. A haptic floor 
rendered by the PHANTOM robot prevented the participants 
from damaging the rubber hand. 
 
We measured the position of the knife tip and recorded stab 
events on the table and the hand. We also collected GSR data 
as a time varying voltage signal. In each trial, participants also 
indicated their subjective score of the level of illusion on a scale 
of 1-10 where 1 represented a total lack of illusion.     
 
RESULTS AND DISCUSSION 
When the participants experienced the synchronous brushing, 
they tended to stab further away from the hand (Figure 2). 
Additionally, the GSR demonstrated a higher response on 
average, in the 6 seconds following the stab event when 
individuals experienced the illusion (Figure 3). 

 
Figure 2: Median trajectories with the Tukey median of stab 

locations of the knife tip

 
Figure 3: Hand stab triggered average of the phasic GSR data 
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Figure 1: Left – Visual and tactile stimulus applied on the real 
and rubber hand. Right – A 3D printed knife is used to stab 

around the hand in time to a metronome. 
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INTRODUCTION 

Cerebral palsy (CP) is a neuromuscular disorder caused by 

a non-progressive brain injury occurring near the time of 

birth which primarily affects movement and coordination. 

Given the inherent uniqueness of brain injury, intervention 

planning has traditionally been challenging for individuals 

with CP. Without the proper tools to quantify neurologic 

variability, clinicians commonly rely on subjective metrics 

which often result in intervention plans that fail to restore 

function [1,2]. To address this paucity, real-time 

biofeedback is being evaluated as a method for 

individualizing treatment; however, current applications are 

limited to analyzing gait kinematics such as joint ranges of 

motion, stride length, and walking speed [3,4] or targeted 

muscle activations[5]. As recent research [6] has suggested 

that quantifying patient-specific neuromuscular control is 

critical in improving intervention outcomes, there exists a 

need to assess the efficacy of integrating real-time motor 

control feedback into clinical practice. The purpose of this 

study was to develop a system that uses electromyography 

(EMG) recordings to monitor muscle activity during 

dynamic tasks and provide near real-time patient-specific 

feedback on motor control complexity. Although ultimately 

this system will provide insight into the efficacy of using 

feedback to improve rehabilitation outcomes for individuals 

with CP, it will also allow for secondary investigation into 

the extent to which individuals can selectively alter their 

motor control in response to feedback and whether low-

dimensional motor control metrics can be used in feedback 

applications.   

 

METHODS  

To develop a near real-time feedback system capable of 

providing subject-specific motor control a custom Python 

script was developed. This script integrates time-

synchronized data collection, near real-time data analysis, 

and a custom interface to present feedback to the user.   

 

To quantify subject-specific motor control, muscle synergy 

analysis was used. Muscle synergies, defined as weighted 

sets of muscles which typically activate together, are 

calculated using non-negative matrix factorization [7]. The 

dynamic motor control index during walking (walk-DMC) 

was used as a summary measure to evaluate synergy 

complexity. Walk-DMC evaluates the total variance 

accounted for by a single synergy solution, normalized to a 

z-score based upon average values from unimpaired 

walking [6]. Walk-DMC provides a convenient low-

dimensional assessment of motor control and, therefore, 

was used in the study as a feedback metric presented to 

users in-trial.  

 

RESULTS  

The system uses data streamed from an eight-camera 

motion capture system (Qualisys) and an 8-channel EMG 

system (Delsys) to quantify subject-specific motor control 

complexity as a user walks on an instrumented split-belt 

treadmill (Bertec). Data from EMG sensors are analyzed 

using muscle synergy analysis techniques to calculate a near 

real-time walk-DMC score. To ensure accuracy in synergy 

analysis, the system uses data from ten concatenated steps 

in all calculations [7]. Steps are delineated using the ground 

reaction force measurements taken from the treadmill. Near 

real-time analysis is achieved using a sliding ten-step 

window and the walk-DMC scores are output to the user via 

a graphical user interface. The interface updates as new 

walk-DMC scores are available and displays both a target 

walk-DMC score, set by the researcher, and a 15-value 

history of the user’s recorded walk-DMC scores. The 

current latency in the system is ~0.5 seconds, which allows 

for feedback on how changes to user inputs directly affect 

motor control.  Gait kinematics are collected parallel for 

use in post-hoc kinematic analysis.   

 

The system facilitates experimental customization as the 

number of EMG sensors used, the leg studied, the walking 

speed, and the target walk-DMC score can be modified 

before individual trials. 

  

DISCUSSION  

In order to assess the efficacy of integrating real-time motor 

control feedback into rehabilitation, preliminary 

investigation needs to be performed into the plasticity of 

motor control patterns and the ability for individuals to 

respond to low-dimensional motor control feedback. The 

developed system will be used to quantify the extent to 

which individuals can alter their motor control patterns, as 

measured by their ability to achieve various walk-DMC 

target scores, as well as to identify the kinematic strategies 

adopted to elicit these altered motor control responses.  

 

The results from preliminary tests will inform future system 

modification, as alternative feedback metrics and methods 

will be considered to improve subject performance. These 

results will also help evaluate the viability of integrating 

motor-control feedback into rehabilitation to improve 

intervention outcomes for CP. Overall, the developed 

system provides a promising first step into investigating the 

efficacy of incorporating real-time motor control feedback 

into clinical application.  
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INTRODUCTION 

Ankle sprains are a common injury in runners. Sprains most 

frequently occur in the lateral collateral ligaments of the ankle, often from 

a heavy stress on an inverted, plantar-flexed foot. Most ankle sprains heal 

fully in 3-6 months, but instability and ligament laxity can persist for years 

to follow.1 Chronic ankle instability manifests in mechanical deficiencies, 

such as ligament laxity, and in functional impairments, such as postural 

sway and plantar pressure redistribution.2 Center of pressure (COP) 

trajectories exhibit a lateral deviation in young adults with functional ankle 

instability.3 Mediolateral movement-restricting braces are popular in the 

long-term management of sprain-related chronic ankle instability and are 

often used during the transition back to regular activities. 

The purpose of this study was to determine if bracing a previously 

injured ankle altered mediolateral COP trajectory when compared to 

running without a brace. The hypothesis was that the mediolateral COP 

trajectory for runners without an ankle brace would show a greater 

instability than their mediolateral COP trajectory with an ankle brace. 

METHODS 

This study was reviewed and approved by the WWU IRB 

committee. Four recreational runners (2 males, 2 females, 26.5 ± 1.73 yrs, 

1.75 ± 0.15 m, 71.8 ± 10.8 kg) volunteered and participated in the study. 

Subjects were currently running at least 15 miles a week, had sustained an 

ankle injury within the last 2 years (8.75 ± 10.2 mo. post-injury), and wore 

an ankle brace as part of their training. An AMTI Gen5 in-ground force 

plate, collecting at 1000 Hz, from Advanced Medical Technology, Inc. 

(AMTI, Watertown, MA, USA) interfaced with AMTI NETForce 

software, version 3.5.3, was used to measure COP. An ASO Ankle 

Stabilizer (Medical Specialties, Inc., Charlotte, NC, USA) lace-up ankle 

brace with support straps was used for bracing the subject’s self-identified 

injured ankle. 

Data collection was randomized between conditions (braced vs. 

unbraced) and began with a 5-minute warm-up on a treadmill at a self-

selected speed. A familiarization period of 5-10 practice runs across the 

force plate was used to determine starting point so the subject’s injured side 

hit the center of force plate with natural running gait. The subject then 

proceeded with running trials. Once three successful trials were recorded, 

defined as the injured ankle landing fully on the force plate with natural 

running gait, the subject was given 3 minutes to switch from braced to 

unbraced or vice versa. The familiarization protocol was used again to 

adjust starting position if necessary, followed by running trials. Once three 

successful trials were recorded in the second condition, the runner did a 5-

minute cool down. 

The measured mediolateral range of the COP was used to indicate 

the mediolateral movement of the injured ankle. Paired two sample for 

means t-tests were used to determine differences in mediolateral COP 

trajectory between braced and unbraced conditions. Statistical significance 

was established at p < 0.05. Cohen’s d was used to indicate the 

standardized difference between means. Data analysis was performed 

using Microsoft Excel (Microsoft Corporation, Redmond, WA). 

RESULTS AND DISCUSSION 

Results of this study are preliminary, as data collection is still in 

progress. There was a significant difference between the mediolateral 

COP range when running with a previously injured ankle braced 

compared to running with it unbraced (Figure 1), p = 0.018, and very large 

effect size, ES = 1.02.  

The hypothesis that running without a brace would produce a 

greater mediolateral center of pressure range was not supported by the 

results. Despite the subjects in the present study having recovered from 

injury and using an ankle brace while running, the brace may not have 

contributed to any improvement in their ankle instabilities. Ankle braces 

help with functional ability recovery, but they have trivial effect on chronic 

pain, swelling, or lingering instabilities stemming from a sprain.4 Ankle 

instability in runners presents as a laterally deviated COP trajectory, which 

likely would mean that the mediolateral COP range was increased in those 

subjects.3 Long term use of semi-rigid braces can hinder the 

reestablishment of proprioceptive abilities after a sprain and offer a false 

sense of security.5 Proprioceptive and muscle reflex response deficiencies 

suggest that neuromuscular control might be a factor in chronic ankle 

instability.6 The hypothesis in the present study was formed on the premise 

that although an ankle brace would reduce the recovery of proprioceptive 

abilities in a previously injured ankle, the brace would provide an artificial 

mediolateral stability when worn. The rejection of this hypothesis provides 

evidence that the utilization of the ankle brace interferes with the 

mediolateral stability of the ankle in its acute use. 

Limitations of the study included the direction of mediolateral COP 

trajectory deviation could not be defined, a lack of control in the running 

velocity of subjects, a difference in distance between the start of the trial 

and the force plate between trials and conditions, and the preliminary 

results study had a limited sample size, which contributed to a large 

standard deviation. 

In conclusion, bracing a previously injured ankle when running 

decreases the mediolateral stability of that ankle. Ankle braces inhibit 

proprioception and increases the sense of security when running. Although 

ankle braces are effective in reducing the recurrence of ankle sprains, other 

rehabilitation techniques would be recommended for long term 

improvement in ankle stability following injury.  
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Figure 1. Mediolateral COP range of stance phase while running 

with ankle braced vs. unbraced 
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INTRODUCTION 

Track and field competitions take place indoors and outdoors, 

with several events differing slightly between the two. The 

weight throw is one example, and is considered to be the 

indoor version of the hammer throw. Compared to the outdoor 

hammer implement, the indoor weight is heavier (9.09 kg vs. 

4 kg for women and 15.09 kg vs. 7.26 kg for men). Despite 

these differences, the technique used in the two throws is 

similar. Several previous studies have examined critical 

factors for performance in the hammer throw. Critical 

variables influencing throw distance include: the release 

angle, height, and velocity, ball velocity on each turn, time in 

double and single limb support during each rotation, and path 

of the hammer [1, 2]. In comparison, the indoor weight throw 

is relatively unstudied. As such, despite the similarities in 

technique, it is currently unknown whether critical factors in 

the hammer throw are also critical factors for performance in 

the indoor weigh throw.  

 

Therefore, the purpose of this study was to identify the critical 

kinematic factors of the weight throw, specifically in non-

elite throwers. It was hypothesized that due to similar 

technique between the hammer and weight throw, that the 

critical factors will also be similar between events. 

 

METHODS 

Four throwers participated in this study (sex: 2 male, 2 

female; age: 19.5 ± 2.3 years; experience: 2.0 ± 1.4 years). All 

participants were members of an NCAA Division I track and 

field team and active competitors in the weight throw. Each 

thrower used a 4-turn technique when throwing the weight. 

 

Participants completed their own standard competition warm 

up followed by two maximal effort throwing trials. Three 

minutes of rest was taken between throws. Each throw was 

measured for distance and fouled throws were not included in 

the data set. Throwers used implements meeting NCAA 

competition standards for both men and women.  

 

Forty-two reflective markers were placed on bony landmarks 

and six markers were placed on the weight throw implement. 

Whole body kinematics on each throwing trial were recorded 

using a 10- camera motion capture system (Motion Analysis 

Corp.) sampling at 250Hz. Marker trajectories were smoothed 

using a fourth order zero-lag low pass Butterworth filter with 

a 12 Hz cutoff frequency. The following kinematic variables 

were calculated: release velocity, release height, velocity 

added to the implement during each turn, time spent in single 

and double limb support during the throw, and the average 

angle of the orbit of the weight relative to horizontal on each 

turn.  

 

Data analysis was conducted as reported in studies identifying 

critical factors in other throwing events [3]. Pearson product 

moment correlations were conducted between all possible 

combinations of independent variables. Where two variables 

were highly correlated, only one was retained for inclusion in 

the regression. A stepwise linear regression was then 

performed to determine which variables were significant 

predictors of throw distance. All statistical analyses were 

performed using SPSS, with an alpha of p < .05. 

 

RESULTS AND DISCUSSION 

Mean throw distance for the analyzed throws was 16.05 (± 

1.4 m) for the men and 9.26 (± 0.98 m.) for the women. The 

stepwise regression indicated that two of the fifteen 

parameters (Table 1) significantly predicted throw distance (F 

= 120.8, R 2 = .984, p < .001), with higher release velocities 

and a lower angle of the orbit on turn four predicting longer 

throws. Mean values for these parameters were 8.79 (± 1.53 

m/s) for release velocity and 40.22 (± 8.06°) for the angle of 

the orbit on turn four.  

Table 1. Results of the stepwise regression 

Correlation analyses revealed that time spent in single limb 

support during the throw was negatively associated with 

increased release velocity (R = - .821, p = .023), while the 

angle of the orbit relative to horizontal on turns two (R = .759, 

p = .048) and three (R = .784, p = .037) were both positively 

associated with increased release velocity.  

 

Similar to previous studies on the hammer throw [2], the 

release velocity of the implement is a critical factor for the 

indoor weight throw. Hammer throw studies have also shown 

that minimizing time spent in single limb support during the 

throw allows athletes to add velocity to the hammer on each 

turn [1,2]. While time spent in single limb support was not a 

direct predictor of weight throw distance, there was an 

association between less time in single limb support and 

increased release velocity, suggesting this could be an 

important parameter for coaching the weight throw. There are 

several limitations to be considered. First, we used a small 

sample, and thus this should be considered an exploratory 

study. Second, as indicated by the mean throw distances and 

years of experience, the throwers in this study were non-elite 

collegiate throwers. Whether these results apply to more 

experienced or higher level throwers requires further 

investigation. 

 

CONCLUSIONS 

In non-elite collegiate throwers, weight throw distance is 

predicted by the velocity at release and the angle of the weight 

orbit on the fourth turn. Spending less time in single limb 

support during the throw and optimizing the angle of the 

weight orbit on the second and third turns may improve these 

parameters, and thus improve performance.  
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INTRODUCTION 

Abnormal motion of the first ray has been associated with 

several foot disorders, including metatarsalgia, hallucis 

valgus, and hallucis rigidus [1]. In clinical settings, static 

measurements of first ray mobility are commonly used to 

assess risk for these disorders. However, static 

measurements of the first ray do not seem to fully represent 

the motion of the first ray during walking [2]. Thus, the use 

of both static and dynamic measurements of first ray motion 

are important to gain a further understanding of the 

relationship between foot disorders and first ray motion.  

 

A “gold standard” method for assessing dynamic motion of 

the first ray requires the use of detailed foot models and 

three-dimensional motion capture, options which are not 

available in most clinical settings. However, in clinical 

settings it is feasible to use two-dimensional video analysis 

to quantify the medial longitudinal arch (MLA) angle. The 

MLA includes the structures constituting the first ray and 

could potentially be a simplified method of assessing first 

ray motion.  A relationship between MLA and first ray 

motion would provide clinicians a practical option for 

describing first ray motion. 

 

Therefore, the aim of this study was to explore the 

relationship between first ray motion and MLA. We 

specifically examined the relationship between both static 

measures of MLA taken during quiet standing and dynamic 

measures of MLA during gait, and dynamic first ray motion.  

We hypothesized that a strong relationship exists between 

MLA angle and the mobility of the first ray. 

 

METHODS 

Participants consisted of 10 physically active individuals 

(sex: 5 M, 5 F; age: 21.8 ± 3.0 years; mass: 71.4 ± 9.9 kg; 

height: 1.74 ± 0.90 meters). All participants were free from 

any lower extremity injuries at the time of testing. A 

12-camera motion capture system (Motion Analysis) was 

used to record foot kinematics at 200 Hz. Participants 

completed a static trial of quiet standing with feet shoulder 

width apart followed by three walking trials for both left and 

right feet. The subjects were asked to walk at a self-selected 

walking speed. Stance phase was determined using an AMTI 

force plate sampling at 1200 Hz.  

 

A multi-segment foot model was used to calculate sagittal 

plane movement of the first metatarsal relative to the 

midfoot [3]. MLA angle was determined by calculating 

angle between the medial heel, navicular, and first 

metatarsal head marker. For the quiet standing trial, mean 

MLA across the trial was calculated. Range of motion 

(ROM), peak, and minimum angles for MLA during stance 

phase were calculated. First ray motion was quantified as 

ROM across the walking trials.  The average of the three 

trials was used for the regression analysis (n = 20 trials). 

 

Linear regressions were used to analyze the relationship 

between first ray motion and peak, minimum, ROM, peak, 

and static MLA angles. 

 

RESULTS AND DISCUSSION 

Average first ray ROM across all subjects during the 

walking trials was 7.8 (± 2.5°).  The results from the 

multiple regressions varied among the MLA measures. The 

first ray and MLA share components; therefore, it was 

hypothesized that the MLA angle would move in tandem 

with the first ray. However, there was no relationship 

between first ray ROM and MLA angle ROM (R
2
 = 0.05, p 

= 0.36). There was a statistically significant but weak 

relationship between first ray ROM and peak MLA angles 

(R
2
 = 0.21, p = 0.04). A similar significant but weak 

relationship existed between first ray ROM and minimum 

MLA angle (R
2
 = 0.29, p = 0.01). Static measurement of 

MLA angle unexpectedly had the strongest relationship with 

first ray ROM. (R
2
 = 0.41, p = 0.002). 

 

Previous literature has shown that static first ray measures 

do not accurately reflect dynamic first ray motion [2]. As 

such, it was hypothesized that dynamic measurements of 

MLA angle would have a stronger relationship to the 

dynamic motion of the first ray. However, dynamic 

measures only had weak relation to first ray motion 

compared to the moderate relation between static MLA 

angle and first ray motion. This might indicate that during 

dynamic task MLA and first ray motion are quantifying 

different aspects of foot function. Further research is 

necessary to determine the relationship between MLA and 

the first ray using both static and dynamic measures. 

 

In interpreting our results, it is important to note that our 

measurement of MLA angle was different from what is 

commonly used in clinical settings in two ways.  First, 

three-dimensional motion capture was utilized instead of 

two-dimensional video, and secondly, the marker on the first 

metatarsal head was placed on the distal dorsal aspect of the 

metatarsal instead of the distal medial aspect. While 

previous studies have quantified MLA using similar marker 

placements [3], it is not clear whether marker placement 

influenced the relationships examined in the current study. 

 

CONCLUSIONS 

Static MLA angle during quiet standing are able to predict 

movement of the first ray during gait better than dynamic 

measures of MLA. Static measures may be clinically useful 

for quantifying potential abnormalities in first ray motion. 
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INTRODUCTION 
Medial knee osteoarthritis (KOA) is a painful and debilitating 
disease associated with mechanical loading in the medial 
compartment of the knee joint [1]. Unloader braces, a 
prevalent conservative treatment option for KOA, apply a 
brace abduction moment (BAM) to reduce the knee adduction 
moment (KAM) which is associated with medial 
compartment knee loading. While benefits of knee braces 
have been demonstrated in multiple studies, their efficacy is 
potentially limited by tolerable BAM magnitude, and/or brace 
discomfort leading to poor patient compliance [2]. The 
purpose of this study was to design and develop an offboard 
controlled robotic unloader knee brace and to measure the 
range of BAMs it can produce during steady state walking. 
Development of such a system will provide a tool for 
exploring the effects of active knee joint unloading on KOA 
to inform the investigation of novel treatment methods. 
 
METHODS 
The system is conceptualized as a three-point bending brace 
actuated via an offboard actuation system through a Bowden 
cable. An unloading mechanism was designed and fit to a 
modified off-the-shelf (OTS) brace. The offboard actuation 
system, comprised of a motor, controller, gearing stage, and 
chassis, was designed to meet the performance criteria 
required for modulating knee brace load through a range of 0 
to 10 Nm during the gait cycle (GC). The brace was 
instrumented with a load cell located at the brace condyle pad 
to directly measure the force transmitted through the brace to 
the user and to calculate the BAM. 
 
One male subject diagnosed with medial knee osteoarthritis 
was recruited for this IRB approved study at the VA Puget 
Sound Health Care System. While wearing the brace, the 
subject walked at self-selected speed on an instrumented 
treadmill under four active BAM conditions: (1) minimum, 
(2) low, (3) medium, and (4) high, and a fifth (5) passive 
condition. A constant electrical current command was sent to 
the motor during walking trials in conditions (1-4), where 
current levels were selected to encompass the BAM range of 
commercially available passive braces. For the fifth (5) 
condition, the active brace was decoupled from the offboard 
system and set to operate like a commercially available OTS 
brace, representing the current standard in bracing. Ground 
reaction force and brace load cell data were collected at 1200 
Hz and filtered using a 4th-order low-pass Butterworth filter 
with 60 and 40 Hz cutoff frequencies, respectively. BAM was 
calculated from load cell measurements and brace geometry 
with the following equation: 

𝐵𝐴𝑀 = 𝐹 (𝐿 −
𝐿

𝐿
) 

where 𝐹  is the force measured at the load cell, 𝐿  the 
brace length, and 𝐿  the length from the lower strap to the 
condyle pad.  
 

RESULTS AND DISCUSSION 
Minimum, low, medium, high, and passive conditions 
resulted in mean ± 1 standard deviation BAMs of 
0.004±0.001, 0.028±0.002, 0.048±0.005, 0.073±0.006, and 
0.047±0.002 Nm/kg, where means are calculated for first to 
second peak GRF, 20-50% of GC (Fig. 1). Although current 
input commands were constant within conditions, the BAM 
magnitude notably fluctuated over the GC. Bowden cable 
friction, frontal plane knee kinematics, and muscle 
contraction (soft tissue compliance under the straps) are likely 
factors that contributed to the shape of the BAM across the 
GC. 

In previous studies, mean BAMs of 0.065 Nm/kg for first 
peak GRF, 0.064 Nm/kg for second peak GRF [3], and 0.04 
Nm/kg for first to second peak GRF [4] have been reported 
for OTS braces. The active brace system therefore achieved 
BAM magnitudes comparable to commercially available 
braces. 
 
CONCLUSIONS 
The realized active brace varied BAM on a KOA subject 
proportional to a range of inputs transmitted by an offboard 
actuation system. The system therefore exhibited desirable 
performance for a closed-loop active brace capable of 
exploring the effects of BAM modulation for KOA.  
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Figure 1: Average ± one standard deviation BAM and 
vertical GRF for the five study conditions. 
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INTRODUCTION 

With the rising incidence of Type II Diabetes, understanding 

the signs and symptoms may be paramount in early detection, 

treatment, and prevention. Type II Diabetes is often 

associated with peripheral neuropathy, particularly affecting 

the lower extremities. There is a shortage of literature 

pertaining to biomechanical analysis of the neuromuscular 

imbalance in Diabetics.  The objective of this study was to 

measure the extent of proprioceptive differences between 

individuals with Type II Diabetes and a control population. 

 

METHODS 

In this cross-sectional study, a total of 46 older persons were 

divided into a T2DM group (n=23) and a control group who 

did not have T2DM (n=23). Participants were given a brief 

warm up with stretching exercises. Diabetic neuropathy 

scores were collected prior to proprioceptive testing. For 

proprioceptive testing, participants performed leg extensions 

to randomized target positions of 15°, 30°, 45°, 60° degrees 

of elevation in the sagittal plane, each target was repeated a 

total of four times. Subjects were guided to target positions in 

the absence of visual feedback via auditory cues from a 

custom JPS application. When the participant entered the 

target position, they memorized the location of their limb in 

space and subsequently attempted to re-locate this position in 

space. Proprioceptive errors were measured from the target 

positioned, and target remembered by the target repositioned 

protocol. 

 

RESULTS AND DISCUSSION 

Proprioceptive accuracy was lower in the diabetic group at all 

levels of target angle than the control group (P < 0.05) (Figure 

1, 2). The diabetic group had 46% greater inaccuracy than the 

control group at all levels of target position. Diabetics also 

reported greater neuropathy scores than controls in the past 

12 months P < 0.01.   

 

 
 

 

 
 

CONCLUSIONS 

Deficits in lower limb localization and greater diabetic 

neuropathy scores were identified in this study.  Our findings 

may be associated with deafferentation as peripheral 

neuropathy is a common complication with the disease.  

These findings may help to explain the declining balance 

function in the older persons with T2DM which is also 

commonly reported. 
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INTRODUCTION 
Soccer is the most popular team sport worldwide. Fractures 
make up 2-11% of all soccer-related injuries and occur 
when forces applied to a bone exceed the structural 
tolerance of the bone. Lower extremity fractures account for 
approximately one third of the total number of the sustained 
fractures [1]. In 1990, FIFA (International Football 
Federation) introduced shin guards as compulsory 
equipment for soccer players to protect the leg from external 
impacts [2]. It has been shown that shin guards reduce the 
peak forces transferred to the leg [1,2]. However, these 
studies only considered anterior impacts to the leg. No 
studies have tested the performance of shin guards under 
oblique impacts. Previous work showed that most tibia 
fractures (42%) resulted from a slide tackle, often from 
behind at an oblique angle [3]. 
The objective of this research was to evaluate the ability of 
a commonly used, commercially available shin guard to 
reduce forces on the lower leg from oblique impacts, 
particularly compared to direct anterior impacts. 

METHODS 
To explore the protective ability of commercially available 
shin guards in oblique impacts, impact testing was 
performed using a linear drop monorail with an attached 
soccer shoe striking an instrumented lower leg model, 
simulating an in-game impact. To determine the most 
realistic impact set-up, we surveyed a physiotherapist who 
works with the UBC varsity soccer teams. Questions 
included the manual localization of impact points of the 
slide tackles on the leg, the point of contact on the impacting 
player’s shoe and assessing game situations that result in an 
oblique impact of the leg. 
The drop body was a spherical metal weight with a men’s 
size 10 Adidas F50 soccer shoe filled with a polyurethane-
based foam sealant (to mimic a foot in the shoe) attached 
via steel alloy L-bracket. A Nike Charge 2.0 shin guard was 
wrapped around an ABS pipe (diameter 3.5”, length 18”) 
that simulated the lower leg. The ABS pipe was rigidly 
attached to a 6-axis load cell (Denton 4366J). Drop height 
was selected to match the impact kinetic energy of a slide 
tackle, estimated to be 18.9J [1], using a drop body with a 
mass of 1.8kg. A high-speed camera captured a frontal view 
of the drop at a frame rate of ~7500fps. Five conditions were 
tested: no shin guard, shin guard front, shin guard lateral 
side (impacted fully on the shin guard) and shin guard 
lateral edge (impacted partially on the shin guard). Tests 
were performed twice with 10 mins in between to allow for 
material recovery. 

RESULTS AND DISCUSSION 
Our survey results confirmed that most injurious impacts 
observed are oblique, occur at the lateral side of the lower 
leg/ankle area, and that the impacting object is the bottom 
of the impacting player’s laces or cleats. As a result, we 

designed our test setup to account for this impact location 
and impacting object. 
The average lower leg forces (peak forces averaged over 
two tests) measured in our test conditions were: unguarded: 
724.5(SD:15.6)N, frontal impact: 590.5(SD:5.4)N, side 
impact: 651.7(SD:17.2)N, and edge impact: 674.6(SD: 
12.9)N. The average terminal velocity was 4.9(SD:0.3)m/s 
(range: 4.3-5.2m/s). Terminal velocity increased during 
testing, likely due to deformation of the shoe/drop body 
connection (+35° inclination angle after several tests). 
Measured peak impact forces were consistently higher for 
higher impact velocities (636N at 4.6m/s; 735N at 5.2m/s 
unguarded). The unguarded tests at 5.0 and 5.2m/s were 
chosen as a baseline to match the impact velocity of other 
tests more closely.  
Our results suggest that shin guards dissipate force better 
during direct frontal impacts and provide less protection for 
impacts closer to the edge. However, the high-speed video 
analysis revealed that shoe cannot be defined as a rigid body 
due to deformation during the process. Furthermore, 
because of the aforementioned increase in inclination angle 
caused by impact damage, our results are not conclusive.  
Our peak impact forces are consistent with previous 
literature, which found a range of 600-1200N [2]. Average 
reductions of force through the use of shin guards (18.5% 
for frontal impacts) is consistent with previous literature 
(11-17%) [1]. Study strengths include testing several impact 
locations on the shin guard, and impacting laces-first, 
simulating slide tackles. Limitations include non-biofidelic 
impacting foot and impacted leg, testing only one shin guard 
model, damage to impactor during testing, and a rigidly 
fixed leg model constrained in all degrees of freedom. 

CONCLUSION 
We found the shin guard reduced force on the lower leg 
model during a simulated anterior slide tackle. We are 
currently testing using an updated and more robust setup; to 
help determine if shin guards adequately protect against the 
oblique impacts typical of slide tackles. 
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INTRODUCTION 

Shoulder pain is a common orthopedic ailment, with multiple 

potential sources of pain and dysfunction. One common 

diagnosis is subacromial impingement syndrome, in which 

the soft tissue inferior to the acromion process does not have 

sufficient space to slide unimpeded. This condition may be 

the result of joint narrowing or from tissue inflammation. A 

cortisone injection, anti-inflammatory pills, ice, physical 

therapy, or a combination may be used as treatment [1].  

 

While this treatment has generally shown to be effective, it 

does not resolve the syndrome for all patients [1]. Also, while 

multiple studies have investigated muscle activation 

differences between healthy subjects and those with 

subacromial impingement, results appear conflicting and 

require further investigation.  

 

The purpose of this experiment is to determine the effect of a 

standardized treatment protocol on the neuromechanics of the 

shoulder. It is hypothesized that rotator cuff activation will 

increase with both pain relief and physical therapy.  

 

METHODS 

Sixteen subjects age 21-65 (ten male, six female) have been 

recruited from the Slocum Center for Orthopedics. Patients 

were seen by an orthopedic surgeon and determined to have 

subacromial impingement. Inclusion criteria were positive 

Neer, Hawkins, and Jobe tests and pain with active elevation; 

exclusion criteria included signs of a full-thickness rotator 

cuff tear, pain with cervical range of motion, positive 

Spurlings, history of shoulder surgery, or recent dislocation, 

instability, or injection. Once the subject consented to be 

included in the study, a subacromial injection was scheduled 

to be performed. 

 

At the first testing session, pain measures were taken and the 

subject was instrumented with electromyography (EMG) 

sensors (six surface and two fine-wire; Delsys Inc. Boston, 

MA USA) on the anterior, middle, and posterior deltoid 

heads, upper trapezius, latissimus dorsi, serratus anterior, 

supraspinatus (fine-wire), and infraspinatus (fine-wire).  

 

The subject performed two Maximal Voluntary Contractions 

(MVCs, full can and external rotation), followed by multiple 

dynamic contractions. 

 

The physician then administered a subacromial injection (6 cc 

0.5% Marcaine with Epinephrine and 1 cc DepoMedrol). Pain 

was reassessed and the subject repeated the previous 

contractions. Additionally, subjects performed 30% 

submaximal isometric contractions. This was done in order to 

have an absolute comparison value for post-physical therapy, 

at which point the MVC force will likely have changed. 

Following the testing session, the subject completed six 

weeks of physical therapy using a standard protocol and home 

exercise program [2]. The subject then returned for additional 

testing where the same protocol was performed. 

 

The three testing periods were designated T1 (before 

injection), T2 (after injection), and T3 (after physical 

therapy). 

 

RESULTS AND DISCUSSION 

Figure 1 shows the supraspinatus activity of a single subject 

during humeral elevation in the scapular plane, specifically 

calculated as an average across three trials at 30, 60, 90 and 

120 degrees, at T1, T2, and T3. 

 
Figure 1: Supraspinatus activity at three time points 

 

There are insufficient data at this point to determine what 

changes might be associated with the subacromial injection or 

with physical therapy. There also are potential differences in 

activity between patients and control subjects at the three time 

points.  

 

CONCLUSIONS 

There is currently insufficient data to attempt to draw any 

conclusions. Data collection and analysis are continuing.  
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INTRODUCTION 

The increase of popularity of rock climbing has also led to 

prevalence of overuse injuries, with most common injury being 

of the hand and wrist [1].  

 

The purpose of this study was to investigate the effects of taping 

on muscle activation in the Flexor Digitorum Superficialis 

(FDS) and Flexor Digitorum Profundus (FDP) muscles. With 

the understanding that the increase of the FDP in the crimp 

position is associated with flexor tendon pulley injury [2]. Two 

taping techniques were used based on previous studies [3,4].  

 

METHODS 

Thirteen subjects (20.9 ± 1.73 years; 1.83 ± 0.07 m; 70.9 ± 6.26 

kg) participated in the study. Two different sets of climbing 

holds were placed at 0.91 m apart and 1.22 m above the ground 

(Fig 1). A relative voluntary contraction (RVC) was done while 

performing isometric holds on a 7.0 cm wide, 2.0 cm lip and 

protruded 4 cm from the wall, large hold. The crimp position 

holds were 5.0 cm wide and protruded 2.0 cm from the wall.  

 

Figure 1. A) Large (used for warm-up and RVC trial) and 

small (used for experimental trials) holds. B) Subject with 

both EMG electrodes and electrogoniometer in correct 

positions. 

 

Electromyography of FDS and FDP muscles were used to 

assess muscle activation. Electrodes were placed 

intramuscularly with a 27ga. 30 mm-paired wired for FDS and 

25 ga. 50 mm-paired wires for FDP. An electric goniometer was 

also used for angular displacement of the elbow (Figure 1).  

After placement of electrodes, subjects did an isometric hold on 

the large holds for 6 seconds to normalize the EMG (RVC), 

followed by a 3-minute rest. Followed by 3 randomized trials 

of crimp position isometric holds with H-tape, circular tape or 

no tape on the subjects’ middle and ring fingers, also for 6 

seconds with 3-minute rests in between.   

 

Two-way repeated measures ANOVA was used to determine 

significance between taping conditions and muscles for both 

average and peak activation values. Alpha level was set at 0.05. 

 

RESULTS AND DISCUSSION 

Average peak muscle activation of FDS and FDP muscles are 

in Table 1. Analysis revealed no significant interaction effect 

of taping condition and EMG muscle level (F[2-18] = 0.225, 

ŋp
2 = 0.024, p = 0.801).  Taping did not have a significant 

effect on average relative muscle activation of FDS and FDP 

muscles (F[2-18] = 3.122, ŋp
2  = 0.257, p = 0.069).  

 

Although previous studies have shown an increase in activation 

of the FDP and decrease in activation of FDS with the crimp 

position [2,4], it was not found to be significant in the current 

study. Current study also did not find significance of the FDP 

tendon to have higher percent tension than in the FDS which 

does not support previous research [2]. In contrast, taping 

techniques used in the current study did support a previous 

finding of no significant decrease in the A2 pulley tendon [4] 

with either taping technique.  

 

CONCLUSIONS 

Results of this study suggests that taping fingers may not affect 

relative muscle activation of the FDS and FDP in an uninjured 

climber when executing a static hold in a crimp hand position. 

Future research should continue to investigate the effect of 

taping on muscle activation during dynamic holds. 
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Table 1: Mean peak muscle activations (% RVC) of the FDS and FDP muscle under all conditions.       

 

Muscles No Tape H-Tape Circumferential Tape 

Flexor Digitorum Superficialis 125.5 ± 72.6 140.6 ± 75.8 124.6 ± 50.8 

Flexor Digitorum Profundus 125.5 ± 65.9 127.3 ± 42.2 123.9 ± 73.8 
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INTRODUCTION 

Limb loss plagues over a million individuals in the U.S. 

alone [1], and it is a disability that greatly affects quality of 

life. The increased availability of 3D printing has allowed 

for an influx of new prosthetic designs [2]. Although some 

previously published papers have reported designs based on 

muscle wires, most of these designs do not have a humanoid 

appearance [3], do not have flesh material to protect the 

internal components and provide restoring force [4], or do 

not have a locking mechanism to help save electric current 

to the wires [5]. This work proposes a new innovative 

prosthetic hand design that features a 3D-printed plastic 

bone structure that mimics the shape of human finger bones; 

flexible elastic joints; a silicone “flesh” cover that protects 

the internal components, provides restoring force, enables 

better gripping capability, and appears cosmetically 

realistic; and a non-invasive, intuitive control system. The 

prosthetic is actuated by shape memory alloy (SMA) 

muscle wires to allow multiple gripping positions, which 

can then be locked into place to conserve power and 

increase effective grip strength. Control of the prosthetic is 

achieved by voice recognition software or an EEG headset 

that monitors brainwaves and facial expressions. Extensive 

research, analysis and testing has been done to optimize the 

actuation and controllability of the design.  

 

METHODS 

Fig. 1 shows the CAD model of the proposed prosthetic 

hand. The bones and joints are 3D printed of PLA and TPU, 

respectively. The silicone “flesh” covering is made of Eco-

Flex 00-35 which was poured in a 3D printed mold that 

encloses the whole internal structure. The used SMA 

muscle wires are Dynalloy’s 0.02” Nitinol wires.  

 
Figure 1: CAD model of the entire prosthetic 

The mathematical model in [4] was used to calculate the 

SMA wire length required to achieve full deflection of the 

fingers. This model is based on the geometric parameters in 

Fig. 2 as well as the ratios of the PIP and DIP joint rotations 

to that of the MCP, which were all measured for the present 

design. It was found that 270o rotation of the distal phalange 

can be achieved with 1.26 cm contraction of the wire length. 

Hence 31.39 cm. SMA wire length is used given that the 

contraction is 4%. The overall angle of rotation of each 

finger was tested by discrete incremental loading as shown 

in Fig. 3 for the index finger. A setup was created to 

measure the force that the finger exerts using a force sensor 

hanging from an enclosure that prevents finger deflection. 

The index finger endured loads of up to 2 Kg.  
 

 
Figure 2: Geometric parameters of the analytical model 

  
Figure 3: Index finger deflection with 0.1 and 2 Kg loads 

CFD and thermal analyses were done in COMSOL 

Multiphysics finite element software to determine the 

optimal placement of the cooling system and the final 

geometry for the design by performing a parametric sweep 

analysis of all potential fan, outlet and vent positions.  

 

This prosthetic offers two innovative options for control. 

The first uses a custom-made app to allow modern, 

commercially-available voice recognition software to fully 

control the prosthetic, while the second uses an EEG 

headset to monitor brainwaves or facial expressions. Both 

devices interface with the prosthetic via a custom circuit 

that ensures a constant 4 amps to the SMA wires.  
 

RESULTS AND DISCUSSION 

The force exerted by a single finger was found to be 15.26 

± 0.12 N. As this design features five fingers, this allows for 

a total overall applied force of 76.3 ± 0.60 N. Note that the 

theoretical maximum angular deflection of a human finger 

is 270°, achieved when making a fist with nothing grasped. 

However, typical daily use does not see a “fist” grip, but 

rather a grip around an object. 
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INTRODUCTION 

Roughly 250,000 anterior cruciate ligament (ACL) injuries 

occur annually in the United States [1]. The gold standard 

treatment for ACL injury is surgical ACL reconstruction 

(ACLR). However, patients who undergo ACLR are 

approximately 15 times more likely to suffer a second ACL 

injury 1-2 years following return to full activity compared to 

individuals with no previous ACL injury [2], but the 

underlying reason for this phenomenon is unclear. Di Stasi 

et al. found that ACLR patients who did not pass common 

return to sport (RTS) criteria had significant kinematic limb 

asymmetries during a single legged hop test. [3]. 

Furthermore, Milewski et al. showed that ACLR patients 

exhibited kinematic and kinetic asymmetries between the 

surgical and non-surgical limb 6 months post-surgery during 

running, drop vertical jumps and various hop tests regardless 

of passing common RTS criteria [4]. Few studies have 

assessed limb asymmetry post ACLR during high risk 

activities such as cutting. Therefore, the purpose of this 

study was to assess kinematic asymmetry between ACLR 

and healthy limbs during a cutting task. 

 

METHODS 

Subjects consisted of seven females and five males who had 

underwent a unilateral ACL reconstruction and were cleared 

by their orthopedic surgeon to return to full activity. All 

subjects signed an IRB-approved informed consent form 

before participating in the study. Twenty-one lower 

extremity markers and six marker clusters were placed on 

subjects who ran down a 7-meter runway, planted their foot 

on one of two force plates, and performed a 45-degree angle 

cut in the laboratory. Four successful trials were collected 

using an 8-camera 3D motion analysis system sampling at 

250 Hz (Vicon Motion Systems, Oxford UK). Two force 

plates sampling at 1000hz were used to determine initial 

contact and toe-off (AMTI, Watertown MA). 

 

Visual3D software (C-Motion, Germantown MD) was used 

to calculate joint kinematics. Variables of interest included 

peak hip and knee flexion, ankle dorsiflexion (angle at initial 

contact and peak angle), and sagittal-plane joint excursion 

(hip, knee, and ankle).  Combined sagittal angle excursion 

was calculated by the sum of sagittal angle excursion at the 

hip, knee, and ankle. Paired t-tests compared kinematics 

between limbs using R-Studio (RStudio version 1.1.423, 

Boston MA) with the alpha level set at 0.05.  

  

RESULTS AND DISCUSSION 

Peak hip flexion was significantly greater in the non-surgical 

limb (non-surgical: 45.11 ± 14.97°, ACLR: 41.68 ± 16.62°, 

p = 0.029), and a trend for greater peak knee flexion was 

found in the non-surgical limb (non-surgical: 51.9 ± 8.04°, 

49.44 ± 8.88°, p = 0.068).  

 

Sagittal plane excursions were also greater at the hip 

(non-surgical: 62.45 ± 6.07°, ACLR: 57.36 ± 8.40°, p < 

0.01), knee (non-surgical: 40.55 ± 7.43°, ACLR: 36.52 ± 

6.28°, p = 0.041), and ankle (non-surgical: 43.28 ± 7.81°,  

ACLR: 39.78 43.28 ± 6.58°, p = 0.019) in the non-surgical 

limb during the cutting task.  

 

Combined sagittal angle excursion of the hip, knee, and 

ankle were greater for the non-surgical limb during the 

cutting task (non-surgical: 146.28 ± 15.90°, ACLR: 133.66 ± 

16.02°, p < 0.01) (Figure 1). 

 

Figure 1: Combined sagittal angle excursion between limbs. 

 

The findings for peak kinematics and sagittal excursion 

identify asymmetrical differences between limbs 

post-ACLR.  Subjects post-ACLR exhibited greater 

utilization of their non-surgical limb in the sagittal plane. 

This movement pattern suggests an avoidance behavior of 

their ACLR limb during a cutting task.  

 

CONCLUSIONS 

These findings support that asymmetries exist between 

ACLR and healthy limbs after returning to full activity. This 

avoidance behavior suggests that further rehabilitation is 

necessary in these ACLR individuals in an effort to reduce 

their risk of re-injury.   

 

Future studies should include a control group for 

comparison.  At this time, we are not certain if the 

non-surgical limb kinematics are a result of compensating 

for the ACLR limb.   
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INTRODUCTION 

Adult-acquired flatfoot deformity results in a progressive 

collapse of the foot arch. It is often caused by posterior tibial 

tendon dysfunction and results in pain during gait. A common 

surgical procedure used to restore the foot arch is a tendon 

transfer between the posterior tibialis tendon and the flexor 

digitorum longus tendon. However, this procedure is often 

insufficient in fully restoring posterior tibialis tendon 

functionality [1,2]. A previous study has shown that a passive 

force-scaling implantable mechanism can improve post-

surgical outcomes for patients with adult-acquired flatfoot 

deformity in simulation, but a physical embodiment of the 

implant has not yet been developed [3]. 

  

In this study, a passive implantable mechanism was designed 

to scale up forces in a tendon network inline. The passive 

implantable mechanism scales force through two stacked 

rotating pulleys of differing radii where the force-scaling 

directly correlates to the proportion of the outer radii to the 

inner radii. Furthermore, the implant preserves tendon 

continuity through a helical routing of the tendon around the 

stacked pulleys. The experiment presented in this work tests 

the force-scaling capabilities of this implant design. 

 

METHODS 

Three passive implantable mechanisms with differing inner 

radii (0.66 cm, 1.00 cm, and 1.33 cm) were 3D printed with 

PLA plastic (Figure 1). Each of the mechanisms were 2 cm in 

height and had an outer radius of 2 cm. The implants were 

tested in a custom rig to characterize the force-scaling 

capabilities of each implant. The implants were mounted 

fixed to a frame with a pin allowing for rotation (Figure 2). A 

string and rope, functioning as a tendon, was routed in the 

transverse plane from a fixed foot arch to the implant. The 

string was routed through a helical channel along the outer 

circumference of the bottom pulley and exited a channel in 

the inner circumference of the top pulley. A Futek S-Beam 

Load Cell was mounted in line with the substitute tendon 

between the implant output and the foot arch, which measured 

the tension in the substitute tendon. A weight of 5 lb, 10 lb, 

or 15 lb was attached to the input of the implant. In addition 

to the three implants, a control case was tested that did not 

include an implant. For each of the four test cases and three 

weights, five trails were conducted resulting in 60 data points. 

Each trial lasted for fifteen seconds with the weight being held 

up by hand and lowered over the initial five seconds before 

 

the weight was allowed to hang freely for another ten seconds. 

The average force output of each test case was calculated 

from the last five seconds of each trial. 

 

RESULTS AND DISCUSSION 

The force-scaling of each implant was determined by dividing 

the average force output by the corresponding control force 

output (Table 1). Across each trial, the implants had a force-

scaling that correlated to their outer to inner radii ratios. This 

force-scaling is less than the theoretical ratio due to frictional 

losses in the test setup and the implants. The results of this 

study can be used to inform the design of future implants to 

determine the correct ratio of radii for desired force-scaling. 

The successful design of this inline force-scaling implant 

could result in a viable treatment of adult-acquired flatfoot 

deformity while keeping tendons intact. 
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Table 1: Implant force-scaling multipliers for varying input weights. 

  Normalized Force-Scaling 

Input weight (N) 22.25 (5 lb) 44.50 (10 lb) 66.75 (15 lb) 

Control 1  0.07 1  0.04 1  0.03 

1.5x Pulley 1.23  0.10 1.16  0.04 1.18  0.04 

2x Pulley 1.61  0.09 1.52  0.05 1.56  0.01 

3x Pulley 2.25  0.12 2.13  0.09 2.27  0.08 

 
Figure 1: 3D printed force-scaling mechanisms from left to right 

with 3x, 2x, and 1.5x outer to inner radii ratios.

 
Figure 2: In the transverse plane, the implant is mounted on 

framing with substitute tendon routed from fixed foot arch to input 

weight with Futek S-Beam load cell and implant mounted inline. 
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INTRODUCTION 

Figure skating is a demanding sport that requires artistry, 

coordination, agility, flexibility and power. Falls are common 

in figure skating, particularly when skaters are learning new 

jumps, and can lead to stress fractures, ankle sprains, and 

ligament and tendon strains [1]. Figure skaters typically 

practice many jump elements per day, and rarely wear fall 

protective gear. While a previous study [2] examined falls in 

children (most of whom were estimated to be under 6 years of 

age) during public sessions at ice skating rinks, improved 

understanding of the mechanics of falls in competitive figure 

skaters in both practice and competition settings is required. 

To address this need, we examined the biomechanical 

characteristics of falls from jump elements in singles figure 

skaters in practice and competition settings across Juvenile to 

Senior levels. 

 

METHODS  

We collected a sample of 50 publicly available videos of falls 

from competitors, 10 in each of the Juvenile to Senior levels of 

the British Columbia/ Yukon Territory and Alberta/ Nunavut/ 

Northwest Territories Sectionals Championships. We also 

visited practice sessions of skating clubs in the Vancouver, BC 

region, and recorded videos of two falls from each of 15 

competitive skaters (total of 30 videos), along with 

information on age, weight, and competitive level. 

 

We analyzed each video with a questionnaire, based on Yang 

et al. [3], that focused on the direction of the fall at initiation 

and landing, the sequence of body segment impacts, and the 

perceived sites of greatest energy absorption and injury risk. 

Two raters analyzed each video with the questionnaire and 

then met to resolve discrepancies in their answers. The inter-

rater reliability of the questionnaire was high (mean total 

percent agreement = 91%, mean Kappa value = 0.87).  
 
We used Chi-Square and Fisher Exact tests to examine 

whether competitive level associated with fall directions, 

impact sites, and perceived sites of greatest energy absorption 

and injury risk. 

RESULTS AND DISCUSSION 

Neither competitive experience or setting (competition versus 

practice) associated with the frequency of impact to a given 

body site, or the perceived site of greatest impact severity 

(p>0.05). 

 

Most falls involved an initial fall direction of backwards 

(63%) and a backward landing configuration (55%). The most 

common impact sites were hands (85%), pelvis (61%) and 

knees (60%). The pelvis was most commonly selected as the 

site of greatest impact severity. There was a significant 

association between aerial rotation direction and the side of the 

pelvis (right versus left) of greatest impact severity (p<0.05).  

 

The most common sequence of impacts was hand followed by 

pelvis, which occurred in 38% of competition falls and 53% of 

practice falls (Table 1). None of the falls resulted in impact to 

the head or elbows, and few falls resulted in impact to the 

torso (3%) or shoulders (1%). 

 

CONCLUSIONS 

In our study of competitive figure skaters, impact sites during 

falls were largely restricted to the pelvis, upper extremity, and 

lower extremity, regardless of competitive level. Our findings 

are different that those reported by Knox and Comstock [2] for 

children during public session at an indoor ice skating rink, 

where most falls were directed forward and 13% of falls 

involved impact between the head and the ice. The high 

incidence of severe impacts to the pelvis in competitive figure 

skating can guide improvements in protective gear and 

training/coaching strategies. 
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Table 1. Sequence of body segment impacts in competition and practice skaters 

Sequence of Impacts   Competition (n=50) Practice (n=30) Total 

Hand followed by Pelvis N (%) 19 (38.0) 16 (53.3) 35 (44.0) 

Pelvis followed by Hand N (%) 7 (14.0) 5 (16.7) 12 (15.0) 

Pelvis and Hand impacted simultaneously N (%) 8 (16.0) 3 (10.0) 11 (13.8) 

Pelvis followed by Knee N (%) 2 (4.0) 3 (10.0) 5 (6.2) 

Pelvis and Knee impacted simultaneously N (%) 3 (6.0) 0 (0) 3 (3.8) 

Knee followed by Pelvis  N (%) 0 (0.0) 2 (6.7) 2 (2.5) 

Other N (%) 11 (22.0) 1 (3.3) 12 (15.0) 
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INTRODUCTION 

For individuals with hand impairment due to neurologic 

injuries such as stroke and cerebral palsy, performing 

activities of daily living (ADLs) can be challenging. Hand 

impairments affecting dexterity, grip strength, or range of 

motion can impact independence and quality of life. A 

commercially available solution is a wrist-driven orthosis 

(WDO) for individuals with significant wrist range of motion. 

However, to our knowledge, there are no passive orthoses that 

provide function by taking advantage of existing elbow range 

of motion. Such technology is prevalent in upper-limb 

prostheses but has not been affordably translated into use for 

orthoses; advancements in functional orthoses are primarily 

powered and expensive, lacking customizability [1]. 
 

We have developed an elbow-driven orthosis (EDO) as a low-

tech solution for individuals with impaired wrist and hand 

function who are not ideal candidates for a WDO. The EDO 

used affordable 3D-printing to provide a customizable 

solution for assistance with bimanual tasks. This study 

compared muscle activity, functional performance, and user 

perception of two elbow-driven actuation mechanisms, 

voluntary opening (VO) and voluntary closing (VC), to 

inform future orthosis design (Figure 1). We hypothesized 

that muscle activity of the biceps brachii, triceps brachii, 

extensor carpi radialis brevis (ECR), and flexor carpi radialis 

(FCR) would be greater when using VO versus VC. 
 

METHODS 

The EDO used in this study was designed with four primary 

sections: an elbow brace, a connective rod, a hand plate, and 

an end effector (Figure 1, A). To transition between VO and 

VC, the cable running the device’s length was made 

removable, along with the end effector. Both end effectors 

used a standard prosthetic hook band to passively return the 

element to an opened or closed state. Padding, rod length, and 

cable length were tuned to suit user preferences. 

 

Figure 1: (A) 3D printed EDO for bimanual use. (B) 

Voluntary opening mechanism depicting opening force. (C) 

Voluntary closing mechanism depicting closing force 

 

A pilot study was conducted on an unimpaired female 

(age=27.8 yrs, mass=63.5 kg, height=1.7 m) to complete the 

following tasks with the VO and VC mechanisms: folding a 

sweater, opening a marker, buttering toast, and completing a 

modified 9-hole peg test [2]. Outcome measures were average 

muscle activation, task completion times, and user perception 

surveys. Muscle activity was recorded using 

electromyography (EMG) sensors for the biceps brachii, 

triceps brachii, ECR, and FCR. EMG data were high-pass 

filtered at 40 Hz, rectified, and low-pass filtered at 40 Hz. 

Responses to a general survey addressed user perceptions. 
 

RESULTS AND DISCUSSION 

When comparing VO and VC mechanisms, the biceps, 

triceps, and FCR had very similar muscle activity (<1% of 

maximum voluntary isometric contraction, MVIC), 

suggesting that mechanism selection had minimal impact on 

recruitment for these muscles. However, ECR activity had at 

least 3% MVIC greater activity for the VO than VC (Figure 

2). In addition to requiring qualitatively greater muscle 

recruitment, the VO mechanism required on average 

11.5±18.3 seconds longer to complete each task when 

compared to VC. The user felt that the device overall was 

comfortable enough for several hours of use but would 

experience substantially more fatigue in the shoulders and 

upper arm with the VO end effector. 

 
Figure 2: Average ECR activity for all tasks. 
 

CONCLUSIONS 

These results assist in informing future EDO development 

through optimization of muscle activity and bimanual task 

completion rates. Further work will evaluate more unimpaired 

individuals and individuals with hand impairments to obtain 

a more diverse perspective on device use. 
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INTRODUCTION 
Currently, industry bike fit is performed with only kinematic 
evaluation, in which, positional adjustments are made to the 
three major contact points on the individual’s bike: saddle, 
handlebars, and pedals. The adjustments are made to bring the 
individual within an acceptable range of joint angles and/or 
positions. It is well understood that adjustments of these 
points can influence pedaling power output [1,2]. However, 
the ‘acceptable ranges’ that determine bike fit are derived 
from averages taken from professional cyclists without a clear 
understanding on how their fit affects performance. 
Therefore, the purpose of this study was to examine the 
relationship between an individual’s bike fit and their 
competitive cycling performance in adolescent mountain 
bikers. Specifically, this included examining the change in 
ankle angle from top stroke to front stroke, ankle angle at 
bottom stroke, maximum knee flexion, maximum knee 
extension, and knee position over the pedal spindle. It was 
hypothesized that there would be no major relationship 
between any of the bike fit measures and competitive cycling 
performance.    
 
METHODS 
Thirty-three subjects (21 male, 12 female) participated in the 
study; aged 15-18 years old. All subjects were recruited 
within the Norcal High School Cycling League.  
 
A Retül Vantage Motion Capture system (Retül, Boulder CO) 
was utilized to collect the 3-D cycling kinematics of each 
subject (Figure 1). The data collection process consisted of a 
physical examination followed by five minutes of cycling on 
the subject’s bike in a stationary trainer. The physical 
examination consisted of measurements including height, 
weight, segment length, and range of motion. The 
examination also included documentation of date of birth, 
competitive level, team, and personal bike information. The 
subject’s bike was placed into the trainer and measured 
digitally into the 3-D motion capture system. The subject was 
then positioned and outfitted with a total of eight active 
markers on the right arm and leg. Following marker 
application, the subject pedaled for five minutes and 
kinematic data were collected.  
 
Performance was based on the subject’s race finish time on 
the same day as data collection, where the subject’s fastest lap 
time was normalized as a percentage of the fastest 
competitor’s lap time within the respective class level and 
division.  
 
A multiple regression analysis was run to analyze the 
relationship between the subject’s bike fit and race 
performance. If no relationship was found, bivariate 
correlations were run in order to assess the effect of individual 
variables on race performance. Partial correlations were 
analyzed to investigate the relationship between predictor 
variables.  

RESULTS AND DISCUSSION 
The multiple regression revealed that there was no association 
between bike fit variables and normalized finish time (F(4, 
27) = 1.91, p = 0.12, Adjusted R2 = 0.12). Because there was 
no correlation observed, bivariate correlations were 
performed. There were no significant relationships observed 
between any of the bike fit variables and normalized finish 
time except for maximum knee flexion (F(1,30) = 10.2, p = 
0.003, R2 = 0.25) (Figure 2). Therefore, individuals with more 
knee flexion exhibited an overall slower finish time. Lastly, 
the partial correlations revealed a significant relationship 
between maximum knee flexion and maximum knee 
extension (F(1,30) = 22.1, p < 0.00, R2 = 0.42). There were 
no other relationships between predictor variables.  

CONCLUSIONS 
The results indicate that there was no major relationship 
between bike fit and competitive race performance in 
adolescent mountain bikers. Though there was a small 
relationship between maximum knee flexion and 
performance, the implications are likely negligible without 
information regarding kinetics. The addition of a kinetic 
evaluation to individual bike fit may help provide meaning to 
the vast differences seen between individual kinematics.  
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Figure 2: Linear regression showing the relationship 
between maximum knee flexion during the pedal stroke and 
normalized finish time 
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Figure 1: Example data set up and collection.  
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INTRODUCTION 
Individuals with motor impairments often wear ankle foot 
orthoses (AFO) to assist locomotion. During ankle 
dorsiflexion, passive-dynamic AFOs store energy, which can 
later be used to assist with ankle plantar flexion and 
propulsion [1]. Predicting how AFO mechanical properties 
impact gait mechanics and motor control in individuals with 
motor impairments is challenging, in part due to human-
device interface dynamics. That is, an AFO’s power or torque 
measured experimentally does not necessarily match that 
which the user experiences [2]. Magnitude or timing errors in 
AFO torque profile estimation may influence predictions of 
how AFOs impact gait. An important aspect of addressing this 
dilemma is to quantify the amount of stored power that 
effectively assists with ankle plantarflexion, which has 
recently been termed “augmentation power” [2]. 
 

Power losses occur due to inelastic deformations of the AFO 
itself and biological tissues [2]. Determining the power 
transfer efficiency of the AFO could improve the accuracy of 
AFO torque profiles for predictive models and may be used 
to inform experimental AFO design by identifying where 
structural losses occur within an AFO. We investigated how 
the mechanical properties of 3D printed AFO structural 
components impacted user-device power transfer. We 
expected that altering the infill percentage of the 3D printed 
AFO components would impact component deformation and 
the augmentation power of the AFO. 
 

METHODS 
We developed a modular, passive experimental AFO that 
resisted dorsiflexion. The AFO had three major components: 
(Figure 1i) a spring that transmits power to the ankle (Figure 
1ii) cantilevered aluminum beam, such that the spring can 
provide a plantarflexion torque about the ankle (distal 
interface), and (Figure 1iii) 3D printed moment arms, which 
attach the spring to the proximal (shank) interface. To 
quantify the effect of AFO component infill percentage on 
changes in augmentation power, the infill percentage of the 
3D printed moment arms was varied.  
 
We designed a testing apparatus similar to the BRUCE [3], 
which has been used to estimate torque-angle relationships of 
passive AFOs. The test consisted of an aluminum footplate 
pinned in the sagittal plane to a rigid steel rod to represent a 
human shank (Figure 1). Dorsiflexion and plantar flexion 
were simulated by rotating the rod about a pin joint, located 
at the ankle joint position. 
 

We tested moment arms printed at 30%, 70%, and 100% 
infill. A load cell (OMEGA) was placed in series with a linear 
extension spring (stiffness=9807 N/m). We collected marker 
trajectories (Qualisys) and load cell voltage, while we flexed 
the AFO from 10 degrees of plantarflexion to 25 degrees of 
dorsiflexion. For each infill percentage, we collected data for 
one quasi-static trial and ten plantar/dorsiflexion cycles at 2 
Hz – similar to walking speed. To compare augmentation 

power in the BRUCE-type apparatus to that in humans we 
collected experimental marker trajectories for one participant 
(female; age=27 yrs; height=1.7 m; weight=63.5 kg) during 
treadmill walking (speed=1.3 m/s) with bilateral AFOs. 
Device and human datasets will be used to compute 
augmentation power as performed in [2]. 

 
Figure 1: Augmentation power (𝑃 )  is the 
sum of power generated by the spring and power dissipated 
by the distal and proximal interfaces due to inelastic 
deformation of the AFO and biological tissues [2]. The 
experimental AFO consists of: (i) linear extension spring 
(𝑃 ), (ii) cantilevered aluminum beams (𝑃 ), and 
(iii) 3D printed moment arms (𝑃 ). The AFO was 
plantar/dorsiflexed in the sagittal plane (�̇�). 

 
RESULTS AND DISCUSSION 
When fixed to a rigid surface, the BRUCE-type device 
successfully enabled plantar/dorsiflexion of the AFO with the 
spring attached. The peak spring force across apparatus trials 
was 396 N, compared to roughly 200 N in the human walking 
trials. This is likely in part due to soft-tissue deformation, 
which is reduced in the apparatus structure [2]. Therefore, we 
expect exaggerated deformation in the AFO when using the 
test apparatus for a given range of motion, which should be 
captured by the augmentation power computations.  
 

CONCLUSIONS 
Understanding how AFO mechanical properties impact user-
device power transfer may be useful in predicting AFO 
impacts on gait and informing experimental AFO design. 
Augmentation power will be compared between human and 
apparatus datasets. Analysis of AFO augmentation power will 
be expanded to refine the design of multiple AFO 
components.  
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INTRODUCTION 
Iliotibial band syndrome (ITBS) is a knee overuse injury 
commonly experienced by female runners. Atypical frontal 
plane hip kinematics is associated with ITBS [1-2]. 
Differences in hip adduction between female runners with and 
without ITBS may be due to hip abductor weakness [3]. 
Female runners with previous ITBS exhibited less hip 
abductor strength compared to controls [2]. However, peak 
hip adduction was smaller in the previous ITBS group 
compared to controls [2]. Gluteus medius muscle activity may 
influence hip adduction more than hip strength [1]. Therefore, 
the purpose of this cross-sectional study was to determine if 
differences existed in hip neuromechanics and hip abductor 
strength between female runners with and without previous 
ITBS at the beginning and end of a 30-minute treadmill run. 
We hypothesized that gluteus medius activity duration would 
be less in the previous ITBS group compared to controls. 
Additionally, we hypothesized that female runners with and 
without previous ITBS would exhibit differences in hip 
adduction. Finally, we hypothesized that runners with 
previous ITBS would exhibit less maximal voluntary 
isometric (MVIC) hip abductor strength than controls. 
 
METHODS 
Female runners between the ages of 18 and 45 years provided 
written informed consent before participating in this 
institutionally approved study. As part of an ongoing 
investigation, seven female runners with previous ITBS (age: 
28.3 (8.1) years; height 1.69 (0.07) m; mass 60.3 (7.3) kg; and 
weekly running mileage 34.0 (21.5) km∙wk-1) and 10 controls 
(age: 24.5 (6.6) years; height: 1.64 (0.06) m; mass: 58.1 (6.2) 
kg; and weekly running mileage 49.6 (20.5) km∙wk-1) were 
recruited. A surface electromyographic electrode was placed 
over gluteus medius. Then, a two-second quiet side lying trial 
was recorded to establish mean (standard deviation) baseline 
gluteus medius muscle activity. Three hip abductor MVIC 
trials were recorded via an isokinetic dynamometer before 
and after the 30-minute treadmill run. All participants 
selected a pace they could run comfortably for 30 minutes 
(ITBS run velocity: 2.9 (0.4) m∙s-1; Controls run velocity: 2.9 
(0.5) m∙s-1). During minute one and minute 29 of the run, 
three-dimensional marker coordinates and muscle activity 
were recorded. Lower extremity segment coordinate systems 
were computed via published standards for five consecutive 
stance phases. Gluteus medius muscle activity was processed 

and conditioned with the Teager-Kaiser energy operator [4]. 
Muscle activity duration was determined over a 150 ms 
window prior to heel-strike through toe-off. A threshold 
based algorithm determined muscle activity onset and offset 
[5]. Dependent variables were averaged for each participant 
and group then analyzed via descriptive statistics with 
moderate effects considered clinically meaningful (d ≥ 0.50). 
 
RESULTS AND DISCUSSION 
Gluteus medius activity duration was less in female runners 
with previous ITBS compared to controls at minute one and 
29 (Table 1). During minute 29 only, peak hip adduction was 
greater in the previous ITBS group compared to controls but 
adduction excursion was similar. Hip abductor strength was 
similar between groups before (ITBS: 9.5 (3.4) %BW*h; 
Controls: 11.1 (4.3) %BW*h); d = 0.42) and after (ITBS: 8.4 
(4.2) %BW∙h; Controls: 10.6 (5.1) %BW∙h; d = 0.48) the run. 
 
Consistent with our hypothesis, shorter gluteus medius 
activity duration was observed in female runners with 
previous ITBS compared to controls. This finding is in 
agreement with another study that found gluteus medius 
activity duration was less in runners with patellofemoral pain 
(PFP) compared to controls [5]. Contrary to our hypothesis, 
only at the end of the run was greater peak hip adduction 
observed in the previous ITBS group compared to controls. 
Furthermore, hip abductor strength was similar between 
groups. There is disagreement in the literature associating a 
large peak hip adduction angle with previous ITBS [1-2]. 
Potentially, additional factors beyond gluteus medius activity 
duration control frontal plane hip motion. In female runners 
with PFP, delayed onset of gluteus medius activity accounted 
for 24% of the variability in hip adduction excursion [5].  
 
CONCLUSIONS 
Our preliminary findings indicate that female runners with 
previous ITBS activate gluteus medius for a shorter duration 
than controls during a 30-minute run at a moderate pace. 
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Table 1: Hip neuromechanical variables during minute one and minute 29 between runners with and without previous ITBS. 

 Time  Group Effect Size 
 Min ITBS Controls d 
Peak hip adduction (degrees) 1 13.8 ± 2.8 13.0 ± 3.3 0.27 
 29 14.6 ± 3.5 12.7 ± 2.7 0.63 
Hip adduction excursion (degrees) 1 2.2 ± 1.9 3.5 ± 2.6 0.59 
 29 3.2 ± 3.1 4.2 ± 2.1 0.40 
Gluteus medius activity duration (ms) 1 107 ± 26 132 ± 38 0.78 
 29 113 ± 49 146 ± 41 0.73 
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INTRODUCTION 
 
Increased vertical ground reaction force (GRF) and resultant 
acceleration (RA) of the lower limbs have been identified as 
risk factors for running-related injuries [1,2]. Recent 
advancements in microelectromechanical systems (MEMS) 
have extended the ability to measure RA outside of the 
laboratory using wearable accelerometers and inertial 
measurement units (IMU). Compared to GRFs, which are 
typically measured within the confines of a laboratory, IMU-
derived measures such as RA may be more desirable for 
quantifying impact loads during running, as IMUs are relatively 
low-cost, widely available, and can collect data in a multitude 
of environments. While RA offers considerable advantages 
compared to GRF for quantifying impact load during outdoor 
running, an evaluation of the time and frequency characteristics 
of the two measures is necessary if they are to be considered 
comparable. The objective of this study was to assess the 
agreement between RA of the lower limb and GRF in time and 
frequency domains during running.  
 
METHODS 
 
Seven trained male runners (21 ± 1.0 y, 176.4 ± 5.4 cm, 62.5 ± 
3.5 kg) were analysed as part of a larger study. Three-axis lower 
limb accelerations were measured via two IMUs (Vicon, fs: 500 
Hz) placed bilaterally 2 cm proximal to the lateral malleolus. 
Three-axis GRFs were measured using a force plate-
instrumented treadmill (Bertec, fs: 1000 Hz). Prior to running, 
subjects completed a vertical jump on the stationary treadmill 
to provide a time lock signal for the GRF and IMU signals. 
Subjects ran at 3.83 m/s (moderate velocity) and 5.36 m/s (fast 
velocity) for ~20 gait cycles at each pace. 
 
Resultant GRF (RGRF) and RA of the lower leg were 
calculated and time-locked to the impact peak of the vertical 
jump [3]. Both data records were then low-pass filtered using a 
4th order Butterworth filter (fcGRF: 50 Hz, fcRA: 30 Hz). Each 
stance phase was interpolated to 150 data points using a cubic 
spline and concatenated into a single RGRF and a single RA 
data record containing 139 stance phases from all subjects. 
Relationships between RGRF and RA were characterized in the 
frequency and time domains using magnitude-squared 
coherence and cross correlation functions, respectively. 
 
RESULTS AND DISCUSSION 
 
Consistent with previous findings, power spectral density 
analysis showed the RGRF and RA signals to be composed 
primarily of frequencies below 15 and 25 Hz, respectively [4]. 
The RGRF-RA relationship showed a moderate-to-strong 

correlation (r > 0.3) below 15 Hz for the moderate pace and 5 
Hz for the fast pace (Figure 1B). In the time domain (Figure 
1A), RGRF and RA demonstrated a moderate-to-strong 
correlation from ~15-75% stance phase for both velocities.  
 

 
Figure 1: Correlation coefficients in the time domain (A) and 
coherence in the frequency domain (B) between RA and RGRF 
during moderate (grey) and fast (black) running velocities.  
 
CONCLUSIONS 
 
Preliminary results support the utility of RA for quantifying 
impact load during running. In the frequency domain, RA may 
be a comparable measure to RGRF at frequencies below 15 Hz 
for moderate-paced running. In the time domain, RA provides 
similar information compared to RGRF during the weight 
acceptance and propulsion portions of stance phase at moderate 
and fast running velocities. However, there is no association 
between the signals early and late in stance phase when RGRF 
is near zero, indicating that RA may not provide comparable 
loading information when RGRF is minimal. Further 
investigation is necessary to determine if these patterns are 
consistent between treadmill and over-ground running, which 
would establish the value of RA as a proxy to RGRF outside of 
the laboratory.     
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INTRODUCTION 

Humans are remarkably agile. We can move at fast speeds while 

rapidly executing motor control strategies that redirect body 

motion and reposition limbs. Studying agile behaviour can help 

us to understand the neuromechanical mechanisms that enable 

it, as well as the factors that limit it.  

 

Maximum height vertical jumping is a useful entry point for 

studying agility. Jumping to high heights, and to long distances, 

increases the available space over which we can navigate, and 

high performance in jumping likely correlates strongly with 

other aspects of agility, such as maximum sprint speeds.          

Furthermore, the performance criterion in vertical jumping is        

unambiguous—maximally accelerate the centre of mass [1]. 

During vertical jumping, the ability to develop a high impulse, 

and in turn the ability to reach maximum height is highly related 

to the maximal power produced [2]. However, people with the 

same peak maximal power can achieve different vertical jump 

heights [2]. These differences can be attributed to the 

differences in their muscle force-velocity (F-V) and force-

length       (F-L) relationships [3]. Muscle force generation 

properties appear to be one candidate mechanism for limiting 

human agility.  

 

Our purpose is to understand how muscle force generation 

properties enable high vertical jumps, and how the dependence 

of muscle force on its length and velocity limits performance. 

To accomplish this, we first parameterize a mathematical model 

of vertical jumping using empirical experiments and system 

identification techniques (Figure 1). We then use these models 

to identify assistive devices that ameliorate muscle’s                   

hypothetical limits to jump performance, and to optimize their 

design. Finally, we will design, build and test these assistive    

devices on human subjects, providing a strict test of our new 

understanding of the limits to human agility.  

 

METHODS 

Our model (Figure 1) considers the legs as a massless actuator 

and the body as a point mass (m). The legs generate an upwards 

force (F) on the point mass, accelerating it according to:  

 
where �̈� is the point mass vertical acceleration, and g is           

gravitational acceleration. The leg actuator has the following 

linear F-V relationship and parabolic F-L relationship: 

 

 
where the unknown actuator properties include maximal 

isometric actuator force (𝐹𝑚𝑎𝑥), maximum shortening velocity 

(𝑉𝑚𝑎𝑥), optimal operating length (𝑥𝑜𝑝𝑡) and a parameter             

determining the width of the F-L relationship (C). Substituting 

(2) and (3) in to (1) yields the following differential equation:  
 

 
 

We can numerically integrate this equation to predict ground 

reaction force as well as center of mass position and velocity 

for a given set of actuator properties. The next step is to identify 

the actuator properties used by people. To accomplish this, we: 

1) have people jump from a range of depths and carrying a range 

of masses in order for them to employ a wide range of muscle 

forces, lengths, and velocities, 2) use optimization to find the 

set of unknown actuator properties that result in model               

predictions of force, velocity and length that best match our 

measured values.  

 
Figure 1: Conceptual model for jumping augmentation 

Having identified a model that accurately predicts jumping    

mechanics, we will next test and design theoretical assistive     

devices to improve model jumping performance. The modeling 

results will help inform design principles for an exoskeleton 

that seeks to improve vertical jumping. We will test these          

assistive devices on human subjects. Our focus will be on         

designs that result in the maximal improvements and that are 

feasible to build.  

 

RESULTS AND DISCUSSION 
We have completed the initial modeling and have begun the 

first experiments on human subjects. We are currently               

developing our methods for identifying the unknown muscle 

properties from these empirical experiments.  
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INTRODUCTION 

Fatigue is a symptom often found among older populations 

and has important implications for quality of life and even 

mortality [1]. The biomechanically challenging sit-to-stand 

(STS) task, in which subjects repeatedly sit on and stand up 

from a chair, has been widely used as a functional mobility 

assessment as well as fatigue protocol [2]. Although STS 

has been frequently employed in studies, to our knowledge, 

there is no study examining the fatigue-induced 

biomechanical changes in repetitive STS movement in older 

adults. Thus, the purpose of this study was to identify the 

biomechanical measures that could potentially indicate 

muscle fatigue during repetitive STS movement. 

 

METHODS 

Seven healthy older adults (4 females, 61.4 ± 5.1 yrs) 

participated in this study. Subjects sat on an armless chair 

with their shanks perpendicular to the floor. They were 

instructed to perform a repetitive STS movement for 30 

minutes at a fixed pace with arms across the chest while 

keeping their feet at the same locations on a force plate 

throughout the testing protocol. The repetitive STS 

movement would be stopped when 1) the participant 

indicated that he/she is unable to continue, or 2) the 

movement frequency falls below the pre-determined pace. 

Whole body motion data was collected using a set of 29 

retro-reflective markers placed on bony landmarks with a 

12-camera motion system. Ground reaction forces (GRF) 

were collected using two force plates, with one under the 

chair (FPchair) and the other under the feet of the participant 

(FPfeet). 

 

Six events during each sit-to-stand-to-sit (STSTS) cycle 

were identified as followed. T1: when the subject began to 

move anteriorly from a sitting position. T2: when the 

subject was fully off the chair as indicated by FPchair. T3: the 

end of rising-up, when the center of pressure reached the 

peak in the anterior direction. T4: the beginning of sitting 

down, in which the magnitude of GRF equaled to that of T3 

[3]. T5: when the subject first touched the chair while sitting 

back as indicated by FPchair. T6: the end of sitting. All events 

were detected using Visual 3D software and visually 

confirmed by the investigator. 

 

The whole-body center of mass (CoM) was calculated as 

the weighted sum of 13 body segments. The CoM trajectory 

of each STSTS trial on the sagittal plane was plotted and the 

area enclosed by rising and sitting trajectories was 

calculated (CoMarea, Figure 1) using customized Matlab 

programs. STS trials of each participant were grouped and 

identified at five time instants of the total testing duration.  

 

A one-way repeated measure ANOVA was conducted to 

examine time differences on CoMarea. Alpha was set at .05. 

 

RESULTS AND DISCUSSION 

An average of time-to-task-failure was 22.98 minutes with 

4 participants completing the 30-minutes of STS task.  

 

 
Figure 1. Area calculated between CoM trajectories on the 

sagittal plan (red: rising; blue: sitting back). 

 

No significant difference of CoMarea across time was 

found. However, different changing patterns were 

observed between participants who were able to finish the 

fatigue protocol (Groupfinish) and those who failed to 

complete the task (Groupfail). CoMarea in Groupfail was 

significantly larger than Groupfinish during the first 3 

durations (Figure 2), indicated by independent t test, p < 

.05. In Groupfail, CoMarea has a higher value during 20-40% 

of the STS protocol, while it showed lower values at 

beginning and end stages.  

 

A one-way mixed ANOVA, with group and duration as 

factors, did not reach a significant level. A power analysis 

revealed an estimation of 18 participants would be 

required.  

 

 
Figure 2. CoMarea over time in two groups. 
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INTRODUCTION 
Wearable sensors quantify people’s everyday lives, counting 
their steps, calories, heartbeats, and more1,2. This quantifica-
tion is a first step towards helping users regulate their physi-
ology by, for example, encouraging them to take more steps 
or consume fewer calories3. Our central goal is to combine 
wearable sensing with control algorithms to provide users 
with high performance and real-time control over their phys-
iological goals. Our lab recently showed that running speed 
could be quickly and accurately controlled with the real-time 
adjustment of commanded step frequency4. Here we test the 
generality of this control approach by determining whether 
we can control mechanical power in cycling. To do so, we are 
designing, building and testing a feedback system that com-
mands cadences to human cyclers based on the error between 
the desired mechanical power and the mechanical power that 
they are actually providing (Figure 1). 
 

METHODS 
Before designing the feedback controller, we identify the dy-
namics that underlie power selection following changes in ca-
dence. This is essential for later creating a stable closed-loop 
feedback control system, to prevent extreme overshoots as 
well as oscillations around the target power. We approach this 
problem by doing open-loop experiments on human cyclers. 
Subjects cycle on a stationary bike, while a metronome com-
mands step changes in cadence. During the experiment we 
will constantly measure the mechanical power output as well 
as the actual cadence output. We will treat the subjects as a 
dynamic system that can be identified by providing controlled 
inputs to the system and measuring its dynamic response. 
 

We will use the results of this first experiment to design a 
high-performance feedback control system. We will imple-
ment the system in hardware using an SRM crank to measure 
mechanical power, and an Arduino microcontroller to run the 
feedback controller in real-time and command new cycling 
cadences. The microcontroller outputs the pedal frequency 
via earphones, which are worn by the subject. Next, we will 
do a second, but closed-loop, experiment to determine the 
performance of this controller, where performance is defined 
by the accuracy, the responsiveness and the robustness of the 
system. Accuracy we define as the total error between the tar-
get and the actual power over time, which is also called the 
steady state error. We define responsiveness as the time 
needed to adjust to a new target power and robustness as the 
ability of the controller to be accurate and responsive despite 
uncertain disturbances, such as changes to riding incline. To 
include uncertain disturbances, we will conduct a second ex-
periment outside on real bikes, rather than under restricted lab 
settings. Subjects will do an outdoor trail on the streets with 
different slopes, with a predetermined target power, and the 
feedback system will try to enforce this predetermined target 
power by constantly commanding the required cadence to ad-
just the actual power (Figure 1).  
 

RESULTS AND DISCUSSION 
The current status of the project is that we have built and 
tested the hardware and software for the open-loop experi-
ments. We have also collected pilot data in a single test sub-
ject (Figure 2). The next steps will be to collect 10 subjects 
when cycling with a selection of different cadences. We will 
combine this data with system ID to identify the dynamic re-
lationship between the commanded cadence and the power 
output. Next, we will design the closed-loop control system 
and start the field tests to determine its performance.  
This system provides the opportunity to do exercise training 
research on a massive scale. Our long-term goal is to imple-
ment the controller in smartphones and control the cycling 
training of thousands of riders. Users can choose the training 
protocol, and our real-time controller will enforce it. By 
measuring the physiological response (e.g. heart rate) to our 
enforced protocols, we can evaluate the effectiveness of dif-
ferent protocols in many users, and across demographics.  

 
Figure 1: Closed-loop feedback system controls mechanical 
power with commanded cadence via a metronome. 
 

 
Figure 2: Raw data of an open-loop pilot test with 60 bpm 
as baseline cadence ±6 and ±12bpm  
 

CONCLUSIONS 
With this system, we will have the possibility to control dif-
ferent training protocols, and following that, to evaluate and 
distinguish the performance effects of these different training 
methods and protocols, also with respect to physiological as 
well as environmental differences, all over the world. 
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INTRODUCTION 

Diabetes is an increasingly common disease in the United 

States. There were an estimated 23.7 million Americans 

living with diabetes in 2009 and the number is expected to 

rise to 44.1 million in 2034 [1]. Diabetes is known to stiffen 

plantar soft tissue [2], which can increase a person’s risk of 

plantar ulceration and subsequent amputation. By being able 

to identify patients at risk of developing ulceration, 

interventions, such as customized footwear, could be better 

implemented to reduce ulceration and subsequent amputation 

risk. Few techniques currently exist to measure soft tissue 

stiffness in at-risk diabetic patients, including using an 

indentation device [3] or ultrasound elastography [4]. A study 

by Telfer et al. developed a novel method of capturing 

ultrasound images of the foot during gait through the use of a 

customized shoe [5]. The purpose of this study is to build on 

the work by Telfer et al. and design a shoe instrumented with 

an ultrasound transducer and a load cell in order to measure 

stress and strain in high-risk ulceration areas under the foot in 

vivo. 

 

METHODS 

The development of the instrumented shoe consisted of four 

design steps. First, the sole of the shoe was selected and 

adapted in order to instrument the shoe at either the calcaneus 

or metatarsal heads using SolidWorks (Dassault Systémes; 

Vélizy-Villacoublay, France). Second, a low-profile 

compression load cell with approximately 250 lb capacity was 

selected. Third, a commercial ultrasound transducer with 

custom housing was developed (SLH20-6: SuperSonic 

Imagine; Aix-en-Provence, France). Fourth, a data 

acquisition (DAQ) system was selected to synchronize load 

cell data to ultrasound data.  

 

Following completion of the instrumented shoe, patients 

outfitted with the shoe will walk on a treadmill while B-mode 

ultrasound images of the calcaneal tuberosity or metatarsal 

heads are captured synchronously with local force data. 

 

RESULTS AND DISCUSSION 

A commercial sandal sole was selected for its simplistic 

design, essential for modeling its shape and modifying 

dimensions. The straps were removed and the sole was 3D 

scanned and imported into SolidWorks. The sole height was 

raised to allow the load cell, transducer, and a gel pad 

(Aquaflex®: Parker Laboratories, Inc.; Fairfield, NJ) to 

mount flush with the superior portion of the sole (Figure 1). 

Two rectangular cutouts were created to house the load cell 

and transducer in series. The cutout not in use will be filled 

with a block of the same material as the sole. The adapted sole 

will be 3D printed with PrimePart® ST PEBA 2301, a sturdy, 

yet flexible, material suitable for footwear prototyping. Straps 

will then be attached to the 3D printed sole’s grommets.  

 

A model 13 subminiature compression load cell (Honeywell; 

Morris Plains, NJ) with 250 lb capacity was selected for its 

small size (3.81 mm height x 12.7 mm diameter). 

 

A SLH20-6 ultrasound transducer was selected for its small 

acoustic footprint. The custom housing is still in development 

at the time of writing. 

 

Finally, a compact DAQ system (NI cRIO 9067: National 

Instruments; Austin, TX) with accompanying modules (NI 

9237 and NI 9205) was selected to collect and synchronize 

load cell data to ultrasound data. The DAQ was selected for 

its portability and rugged design, and for its ability to be 

controlled through custom LabVIEW software. 

 

The instrumented shoe design process is still on-going. 

 

CONCLUSIONS 

Once the design is complete, plantar soft tissue will be 

measurable in vivo during gait. While this project is not yet 

complete, the previous work done by Telfer et al. shows 

promising implications.  
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Figure 1: The first design iteration of the instrumented 

shoe, where the load cell-ultrasound transducer system will 

be housed in either the calcaneal or metatarsal cutout.  
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INTRODUCTION 

Most state-of-the-art prosthetic controllers define modes of 

operation corresponding to terrain types such as flat-ground 

walking or stair ascent. This determinate control policy can 

create impairments for locomotion when unique situations 

arise, such as in obstacle avoidance or unstructured terrain. 

 

Human locomotion is difficult to categorize into discrete 

modes. Instead humans optimize and select complex unique 

movements for terrains based past experiences of navigating 

similar conditions. These unique and complex dynamics have 

been hard to capture and measure thus far for unstructured 

terrain. Selecting the appropriate dynamics among the 

multitude of unique and complex possible movements is 

analogous to a very high dimensional policy search - the 

intractability of this has resulted in emergence of locomotion 

mode as the default control strategy. 

      

Human locomotion operates intimately in concert with the 

rest of the body. Vallery et al. [1] used a linear mapping to 

estimate the motion of the impaired limb using motion of 

intact limbs. This method used simple statistical regression 

and would likely fail for complex unstructured movements. 

However, it demonstrates that instantaneous mode-free 

control is possible. 

 

 Our pilot study investigates this possibility further by using 

powerful new advances in machine learning. We attempt to 

eliminate discretization of locomotion into modes and 

segmenting gait into phases. 

 

METHODS 

Whole body gait kinematics were collected using wireless 

inertial sensors (Xsens Inc) from one subject. The dataset 

included flat ground walking and walking with random stops.  

 

A short time history (160ms) of 21 joint angles from whole 

body in all three anatomical axes was used as training input 

into a 2-layer Long Short-Term Memory (LSTM) network. 

Instantaneous ankle angle in the Sagittal plane was the 

predicted output. 

 

RESULTS AND DISCUSSION 

We showed that the ankle joint trajectory can be continuously 

estimated for level-ground walking (Figure 1). Prediction 

accuracy decreased slightly for acyclic gait with random stops 

but was still close to measured angle (Figure 2).  

 

Full body motion sensing has not been previously practical 

due to bulky instrumentation. Our preliminary study shows 

that such limitations are no longer true and provide a distinct 

alternative to the current state-of-the-art in assistive device 

controllers. 

 

Limitations of this study lie in the validation of the prediction 

results. Although we can quantitatively assess performance, 

its qualitative difference during actual deployment in 

prosthetic control would be the necessary proof of this 

strategy. Future experiments are being planned with powered 

prosthesis and more subject data. Future work will also 

establish the exact architecture of the network, its 

applicability across subjects and activities. 

 

 

 

CONCLUSIONS 

The ability to instantaneously change the dynamics of the 

prosthesis could allow quick and robust response for 

unstructured conditions. Although full body motion sensing 

is needed, wearable body movement sensors continue to 

become smaller and cheaper. Soon several sensors could be 

distributed across the body, perhaps built into clothing, gear, 

or jewelry.  

 

REFERENCES 

1. Vallery, R, et al. Complementary limb motion estimation 

for the control of active knee prostheses, Biomedizinische 

Technik/Biomedical Engineering, vol. 56, no. 1, pp. 45-

51,2011.
 

 
Figure 1: Ankle angle predictions for flat ground walking 

 
Figure 2: Ankle angle predictions for flat ground walking 

with random stops 
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INTRODUCTION 

Ankle sprains are the most common recreational injury [1]. 

Individuals who suffer an initial sprain may be predisposed to 

functional ankle instability (FAI), or recurrent injury from 

sensorimotor and mechanical deficits of the peroneal 

musculature [2]. The peroneus longus prevents excessive 

inversion and its damage may lead to changes in the muscle’s 

function, altering its effectiveness, as well as predispose the 

individual to repeated ankle injury [3]. Recent advances in 

ultrasound technology have become a prominent way to 

measure specific muscle parameters in vivo, including 

physiological cross-sectional area (PCSA) and muscle 

stiffness (MS). Yet, to our knowledge it is unknown if FAI 

participants exhibit differences in in vivo peroneal muscle 

parameters, or if these muscle parameters differ between 

sexes. This study sought to determine whether parameters of 

peroneal musculature differ between sexes or FAI 

participants, and whether these muscle parameters relate to 

ankle kinematics exhibited during a sudden inversion event. 
 

METHODS 

Eleven male and thirteen female recreationally active 

participants (ht: 1.72 ± 0.08 m, wt: 72.0 ± 11.4 kg, age: 20.9 

± 2.4 years) had muscle parameters and ankle kinematics 

during a sudden inversion event quantified. Participants were 

also defined as FAI (n=9) or control (Con, n=15), based on 

their responses to the ankle instability instrument [4]. Each 

participant had MS and PCSA at 50% length of the peroneus 

longus muscle measured using an ultrasound 9L4 transducer 

(Siemens Acuson S2000, Erlangen, Germany). To quantify 

peroneal strength (ES), three maximal isometric eversion 

contractions on an isokinetic dynamometer were performed 

(System 2, Biodex Medical Systems, Inc., Shirley, NY). 
 

For the sudden inversion event, participants stood shoulder 

width apart on a wooden platform. The platform contains a 

trap door under each foot, that when released caused the ankle 

to invert (~30o) suddenly. During the inversion, subjects had 

the 3D trajectories of 32 reflective markers recorded by eight 

high-speed (240 fps) optical cameras (Vicon, Oxford, UK). 

The marker data was low pass filtered using a fourth-order 

Butterworth Filter (12 Hz) before being processed to solve 

ankle joint rotations at each instant using Visual 3D (C-

Motion, Rockville, MD).  
 

For analysis, MS, PCSA, and ES of the peroneus longus were 

quantified, peak ankle plantarflexion (PF) and inversion 

angle, and time to peak ankle inversion (Dur) were calculated 

during the sudden inversion event. Each muscle parameter 

was submitted to ANOVA and each ankle kinematic variable 

was submitted to ANCOVA to test main effect and interaction 

of group (FAI and Con) and sex (Male and Female) with 

muscle parameters considered as covariates. Alpha level was 

set to 0.05. 
 

RESULTS AND DISCUSSION 

There was sex dimorphism in ankle kinematics and muscle 

parameters. Males exhibited greater ES (p=0.044) compared 

to females, which may be attributed to the larger PCSA 

(p<0.001) of the males’ peroneus longus. But differences in 

MS were not observed between sexes (p=0.138). Females 

exhibited a significantly greater peak inversion angle 

(p=0.007), but no difference in peak PF angle (p=0.504) or 

Dur (p=0.881). The current experimental outcomes are 

congruent with previous research that reported equally trained 

females having smaller and weaker lower body muscles [4]. 

Their reduced peroneal function may limit their ability to 

prevent excessive inversion. Group difference in ankle 

kinematics were also observed during the sudden inversion 

event. In contradiction to previous research [2], the Con group 

exhibited greater peak ankle inversion (p=0.041) compared to 

FAI. No group differences were observed for peak PF angle 

(p=0.877) or Dur (p=0.179). Peroneal MS however, was a 

significant covariate of peak PF angle (Fig. 1; p=0.046) 

during the sudden inversion, each unit increase in stiffness 

predicted 1.4o greater peak PF. No group interaction was 

found in any muscle parameters (p>0.05). 
  

CONCLUSIONS 

Males exhibited larger and stronger peroneal musculature and 

smaller peak inversion angle compared to females. The FAI 

group exhibited a significantly reduced peak ankle inversion 

during the sudden inversion event compared to Con. Peroneal 

stiffness exhibited a relation to peak PF during sudden 

inversion. Future work should look to determine how 

peroneal stiffness impacts ankle kinematics and relates to risk 

of ankle sprain.   
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Table 1: Group means for muscle parameters. 

*=Denotes significant effect of sex. 

 Male Female 

FAI Control FAI Control 

MS (m/s) 6.45 ± 0.21 5.67 ± 1.03 7.29 ± 1.13 6.49 ± 2.07 

PCSA (cm2)* 4.87 ± 0.99 4.38 ± 0.82 3.58 ± 0.35 3.54 ± 0.58 

Eversion (N*m)* 16.47 ± 8.20 10.81 ± 6.46 8.43 ± 7.12 6.30 ± 5.31 
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