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Abstract

Human joint impedance is the dynamic relationship between the differential change in the position 

of a perturbed joint and the corresponding response torque; it is a fundamental property that 

governs how humans interact with their environments. It is critical to characterize ankle 

impedance during the stance phase of walking to elucidate how ankle impedance is regulated 

during locomotion, as well as provide the foundation for future development of natural, 

biomimetic powered prostheses and their control systems. In this study, ankle impedance was 

estimated using a model consisting of stiffness, damping and inertia. Ankle torque was well 

described by the model, accounting for 98 ± 1.2% of the variance. When averaged across subjects, 

the stiffness component of impedance was found to increase linearly from 1.5 Nm/rad/kg to 6.5 

Nm/rad/kg between 20% and 70% of stance phase. The damping component was found to be 

statistically greater than zero only for the estimate at 70% of stance phase, with a value of 0.03 

Nms/rad/kg. The slope of the ankle’s torque-angle curve—known as the quasi-stiffness—was not 

statistically different from the ankle stiffness values, and showed remarkable similarity. Finally, 

using the estimated impedance, the specifications for a biomimetic powered ankle prosthesis were 

introduced that would accurately emulate human ankle impedance during locomotion.

Index Terms

Biological system modeling; Prosthetic limbs; Quasi-stiffness; Stiffness; System identification

I. INTRODUCTION

The current level of understanding of the ankle joint’s dynamic mechanical properties, 

known as joint impedance, may hinder the development of biomimetic prostheses and 

control systems. The ankle is an essential component of human locomotion, as the muscles 

spanning this joint provide the majority of mechanical power [1], and are important for 

vertical support and forward propulsion of the body [2]. Previous research spanning many 
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decades has provided a rich knowledge of ankle joint kinematics and kinetics [3–6]. 

However, little is known regarding how ankle impedance is modulated during walking. The 

need to understand ankle impedance during walking is underscored by the recent 

development of powered ankle prostheses [7–10]. Determining the natural impedance of the 

human ankle during walking is needed to provide the biologically-inspired rationale for the 

control of these devices. Currently, the impedance of these devices is governed by 

sophisticated control systems that model muscle behavior [11], emulate user-specific spring 

and damper values [9], or use phase plane invariants [12]. Without knowledge of the ankle’s 

impedance during walking, there is no comparison for ascertaining the biological realism of 

these controllers.

Estimation of joint impedance requires an external perturbation; the joint is disturbed by a 

position or torque disturbance and system identification analyses are used to estimate 

impedance. Linear techniques may represent impedance in terms of a transfer function, an 

impulse response function, or a parameterized mechanical system—typically consisting of 

inertial, damping, and stiffness values [13]. Previous studies have estimated ankle 

impedance in several static postures [14–16] and have investigated the sensitivity of 

impedance to many factors, including mean ankle position [17, 18], displacement amplitude 

[19], torque [20] and neural activation [21]. These studies have shown ankle impedance to 

be positively correlated with the neural activation of the muscles crossing the ankle [20, 21] 

and negatively correlated with perturbation amplitude [19]. Using time-varying techniques, 

MacNeil et al. [22] estimated the ankle’s impulse response function while supine subjects 

rapidly changed ankle torque. This technique was also used to estimate time-varying ankle 

impedance during a large imposed movement [23], where the low frequency impedance gain 

was shown to increase by 60% throughout the displacement. These studies elucidate how 

ankle impedance changes with respect to non-stationary conditions, but it is unclear if these 

results, obtained with the subject in a supine position, are relevant to locomotion during 

which it is difficult to apply the external perturbations required to estimate impedance.

Rather than perturbing the ankle during locomotion, researchers have instead focused on the 

torque-angle relationship of this joint [24–27], which is easier to obtain. Based on this 

characteristic curve, the ankle has been modeled as a first-order system with a passive 

stiffness matched to the slope of the torque-angle relationship. This slope is often known as 

the quasi-stiffness [26, 28, 29]. Hansen et al. [26] previously showed how the ankle’s torque-

angle relationship varied with walking speed. Interestingly, the torque-angle relationship was 

approximately linear for the majority of stance phase at normal walking speeds. This work 

provided insight into how ankle torque and angle co-vary during locomotion and established 

a foundation for the development of passive ankle prostheses, but did not provide any 

information about the impedance of the ankle. Since human joints are actuated by muscles, 

they are active rather than passive, and the joint stiffness (i.e. static component of 

impedance) cannot be estimated by analysis of the torque-angle relationship without a 

perturbation [29]. Therefore, in the context of human joint dynamics, the stiffness and quasi-

stiffness are distinct entities during conditions of dynamic muscle activation, such as 

locomotion.
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The objective of the present study was to estimate the impedance of the human ankle during 

the stance phase of walking. The impedance was estimated at four points during stance 

phase and the values were compared. Our hypothesis was that the impedance parameters 

would vary throughout stance phase, as a result of the corresponding changes in muscle 

activation and ankle angle. The intent of this work was to provide the foundation for the 

design and control of natural, biomimetic powered prostheses, as well as provide a 

comparison of the ankle’s stiffness and quasi-stiffness values.

II. METHODS

A. Experimental

1) Apparatus—Impedance was estimated using perturbations applied by a mechatronic 

platform, termed the Perturberator Robot, validated and previously described in [30] and 

briefly summarized here. The robot has a single degree of freedom that can apply a 

rotational perturbation to the ankle when a subject is in contact with a hinged platform. A 

portable force platform was fixed to the hinged platform and the angle of the hinge was 

driven by an AC gear-motor. The motor was controlled using a commercial servodrive 

(model: AKD-B00606, Kollmorgen, Radford, VA) that received position control instructions 

from a microcontroller (model: PIC32, Microchip Technology, Inc., Chandler, AZ). The 

Perturberator Robot was recessed into an aluminum walkway, such that the platform section 

of the robot was flush with the surface of the walkway (Fig. 1).

2) Protocol—Ten healthy, able-bodied subjects (five male, five female) ranging from 24 to 

32 years old and with no history of neurological impairment or lower extremity injury took 

part in this study. Subjects gave written, informed consent to all procedures, and the 

experiment was approved by the Northwestern University Institutional Review Board. Each 

subject wore a safety harness fastened to an overhead gantry system that statically exerted 

less than two Newton’s of force on the subject.

Subjects’ right ankles were instrumented with an electrogoniometer (Delsys, Boston, MA) to 

record ankle angle. One end of the device was securely fastened to the shank, while the other 

end was secured to the side of the foot. The sensor was previously calibrated using a 

protractor as an independent angle measure (sensitivity: 1.05 rad/V, with 95% confidence 

interval: ±0.09 rad/V), and shown to have an angular precision of 2.6 × 10–3 radians for 

small displacements [30]. To prevent slippage on the platform, subjects wore treaded cloth 

hospital socks (Medichoice, Mechanicsville, VA). Subjects set a metronome to a self-

selected pace of between 85 and 90 steps per minute and were instructed to attempt to match 

walking frequency to the metronome. Subjects walked across a walkway approximately 5.25 

m in length that included the recessed Perturberator Robot (Fig. 1). The starting position for 

each subject was adjusted such that when the heel of the subject’s foot struck the force 

platform, on average, the center of rotation of the subject’s ankle aligned with the center of 

rotation of the Perturberator robot. The vertical height of the robot’s center of rotation was 

fixed at approximately 90 mm. When subjects stepped on the force platform a 0.035 radian 

(2°) perturbation was randomly applied to the right foot with a probability of 50%; 

dorsiflexion and plantarflexion perturbations occurred with equal probability. The duration 
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of the ramp portion of the perturbation was 75 ms and the constant velocity portion of the 

ramp was approximately 0.8 rad/second. Four perturbation timing points in stance phase 

were investigated corresponding to 100, 225, 350, and 475 ms following heel strike. These 

points were chosen to provide insight throughout stance phase, while the foot was in contact 

with the ground (i.e. before substantial heel rise). For trials in which a perturbation occurred, 

the timing point was chosen randomly with each point having equal probability. One 

hundred perturbation trials were recorded at each timing point with approximately 50% in 

each direction. Subjects were encouraged to rest after every 40 perturbation trials. The data 

acquired included all force platform data, motor angle, ankle angle, all sampled at 1 kHz 

with a 16-bit data acquisition system (model: USB-6218, National Instruments, Austin, TX) 

run through MATLAB (The Mathworks, Natick, MA). Lastly, high-definition video was 

recorded of foot placement on the Perturberator robot.

B. Analytical

All data were low-pass filtered using a bi-directional fourth order Butterworth filter with a 

cutoff frequency of 20 Hz and were segmented to include a 100 ms window beginning with 

the ramp perturbation. Forces caused by the intrinsic impedance of the robot were removed 

using linear filters estimated from data obtained when no subject was present [30, 31]. Ankle 

torque was determined by resolving the ground reaction force to the equivalent force-torque 

at the ankle’s center of rotation;

(1)

where T is the torque about the ankle, Fz and Fx are the z-axis (vertical) and x-axis (anterior-

posterior direction) components of the ground reaction force, respectively; and δz and δx are 

the distances in the z-axis and x-axis dimensions, respectively, from the center of pressure to 

the center of rotation of the ankle (Fig. 2). Plantarflexion is in the negative angular direction 

and angle was zeroed upon heel strike. Ankle torques determined in this manner have been 

shown to have negligible differences compared to inverse dynamics analysis [32]. The center 

of pressure (COP) and force information were obtained using the force platform. The COP 

information in the x-axis was referenced to the foot’s coordinate system by subtracting the 

distance from the location of heel strike to the center of rotation of the ankle. This was 

determined by measuring the distance from heel contact to the subject’s ankle center of 

rotation in software using the high-definition video.

1) Estimation—The estimation of ankle impedance depended on the isolation of the 

perturbation angle and torque response. That is, the torque and angle profiles that occurred 

naturally as a result of walking needed to be removed (Fig. 3, black). This removal was 

accomplished by subtracting the average unperturbed torque and angle profiles from the 

average of perturbation trials. A bootstrapping technique was used to estimate variability. A 

random selection of the angle and torque profiles from 60% of the perturbed trials for a 

specific timing point and perturbation direction were selected and averaged together. From 

these averaged angle and torque profiles, the average non-perturbed angle and torque profile 

was subtracted. The resultant angle and torque profiles had any offset removed such that 
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both began with zero. This technique was repeated 100 times for each timing point, each 

iteration differing in the specific perturbation trials included in the averaging. The resultant 

profiles were then used to obtain estimates of impedance. These methods were previously 

validated and shown to accurately estimate the stiffness of a prosthetic foot at several points 

during the stance phase of walking with an average error of 5% [30].

Following the isolation of the torque and angle perturbation response, a second order 

parametric model was assumed to characterize the impedance of the ankle

(2)

where Tp is the torque response to the perturbation, Itot is the total inertia of the foot and 

other coupled body segments; and ba and ka are the damping and stiffness coefficients of 

impedance, respectively; finally, θp is the angular perturbation displacement of the ankle. A 

second-order model was chosen because it has historically been shown to provide high 

quality estimates of ankle impedance during postural studies [13, 19, 33, 34]. The 

derivatives were computed numerically in MATLAB by fitting a second order polynomial to 

four points surrounding each time point, and the polynomial coefficient was used to quantify 

the derivative [35]. The impedance parameters were estimated using least squares estimation 

over the 100 ms window [36]. Variance accounted for (VAF) was used to quantify the 

agreement of the model with the experimental results.

Finally, quasi-stiffness values for each subject were determined by taking the slope of the 

non-perturbed torque-angle relationship, dTw/dθw, where Tw is the torque about the ankle 

during walking and θw is the angle of the ankle during walking at each timing point (Fig. 4). 

The torque-angle relationship was obtained by averaging 60% of the non-perturbed trials, 

similar to the bootstrapping procedure mentioned above.

2) Statistics and Comparisons—Our primary objective was to quantify changes in 

ankle impedance throughout stance phase. Statistically, this was accomplished using a 

general linear model to evaluate stiffness, damping and inertia at each of the measured time 

points during stance. For this analysis, the time point and the perturbation type (dorsiflexion, 

plantarflexion, no perturbation) were treated as fixed factors, and subject as a random factor 

with the model including the interaction between time point and perturbation type. Each of 

the three impedance parameters were considered as a dependent variable; separate analyses 

were completed for each parameter. Bonferronni corrections were used for post-hoc 

comparisons, and the significance level for all tests was set at 0.05.

A sensitivity analysis of the filter parameters used in the identification procedure was 

completed to assess the effect on estimates. The identification procedure was re-computed 

for each of the following conditions: a 20% change in the filter cutoff frequency (20 Hz to 

24 Hz), a 25% change in the filter order (fourth order to third).

For convenience, impedance values are presented as a function of stance phase percentage, 

rather than time since heel strike. Stance phase percentage was determined by averaging 
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stride duration across subjects. The mean stance duration was approximately 750 ms with a 

standard deviation of 24 ms.

III. RESULTS

The ankle impedance was well characterized by the second order model consisting of 

stiffness, damping and inertia. Representative angle and torque response profiles are shown 

in Fig. 5. The sine-wave like component of the torque response is a result of the 

perturbation’s angular acceleration profile (i.e. inertial torque). When averaged across 

subjects and timing points, the variance accounted for (VAF) was 98±1.2%, demonstrating 

the quality of the model fit.

The stiffness component of impedance increased linearly throughout the region of stance 

phase tested (Fig. 6A). Bodyweight-normalized stiffness estimates were consistent across 

subjects, as indicated by the small standard deviations in Fig. 6A, especially for the earlier 

portions of stance. Stiffness increased by a factor of four from 20% to 70% of stance phase, 

starting at approximately 1.5 Nm/rad/kg and increasing to 6.5 Nm/rad/kg. When averaged 

across subjects, timing points and perturbation directions, the mean intra-subject variation 

(standard-deviation) of stiffness estimates was found to be 0.60 ± 0.45 Nm/rad/kg. Across 

subjects, stiffness varied significantly with respect to timing point (p < 0.001, F3,116 = 22.7), 

but not perturbation type (p = 0.65, F2,117 = 0.43). There was also no significant interaction 

between timing points and perturbation types (p = 0.42, F6,113 = 1.0). Posthoc comparisons 

of the differences in timing points showed that the fourth timing point (70% of stance phase) 

was statistically different than the first and second timing points (20% and 37% of stance 

phase, all p < 0.05); there were no significant differences for the second and third timing 

points.

Similar to the stiffness estimates, the bodyweight-normalized quasi-stiffness values 

increased throughout stance phase (Fig. 6A). There was large inter-subject variability of the 

quasi-stiffness at 70% of stance phase. This variance is likely a result of the stance phase 

timing approaching the point at which the ankle’s torque-angle curve reverses direction. In 

other words, the quasi-stiffness has a vertical asymptote just before the powered 

plantarflexion (i.e. “push off”) region of stance phase and quasi-stiffness values determined 

during this region are susceptible to large magnitudes.

The mean damping estimates also increased during stance phase; however, the inter-subject 

averaged estimates from 20% to 54% of stance phase were not statistically different than 

zero. The estimates were not consistent across subjects denoted by the large inter-subject 

variability. When averaged across subjects, timing points and perturbation directions, the 

mean intra-subject variation of damping estimates was found to be 0.005 ± 0.003 

Nms/rad/kg. Across subjects, damping varied significantly with respect to timing point (p < 

0.001, F3,76 = 11.7), but not perturbation type (dorsiflexion or plantarflexion, p = 0.13, F1,78 

= 2.4). There was also no significant interaction between timing points and perturbation 

types (p = 0.57, F3,76 = 0.67). Posthoc comparisons of the difference in timing points 

showed that damping at 70% of stance phase was different than all earlier timing points (all 
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p < 0.01); furthermore, the estimate at 70% of stance phase was different than zero, and was 

approximately 0.03 Nms/rad/kg (Fig. 6B).

mean inertia estimates remained relatively constant across perturbation timing points and 

directions (Fig. 6C), with consistent inter-subject variability. When averaged across subjects, 

timing points and perturbation directions, the mean intra-subject variation of inertia 

estimates was found to be 0.009 ± 0.004 kgm2. Across subjects, inertia values showed a 

slight positive trend as stance phase progressed. However, the general linear model showed 

that inertia did not vary significantly across timing points (p = 0.12, F3,76 = 2.0), 

perturbation directions (p = 0.50, F1,78 = 0.44) or the interaction between timing points or 

perturbation directions (p = 0.74, F3,76 = 0.42).

Modification of the filter parameters had a moderate effect on estimated joint impedance 

values. When the filter cutoff frequency was increased by 20% and averaged across subjects, 

perturbation directions and timing points, the mean discrepancy was 6.2 ± 6.1%, 9.7 ± 8.6% 

and 5.8 ± 3.0% for stiffness, damping and inertia, respectively. When the filter order was 

increased by 25%, the mean difference averaged across all conditions and subjects was 3.1 

± 2.2%, 8.3 ± 7.2% and 1.4 ± 1.8% for stiffness, damping and inertia, respectively. For 

comparison, when the original analysis was re-computed, only differing in the random 

bootstrapping trial selections, the mean difference averaged across all conditions and 

subjects was 0.8 ± 0.3%, 1.1 ± 1.0% and 0.0 ± 0.0, for the respective impedance parameters.

Finally, to provide a reference approximation of how much each component of impedance 

contributed to the perturbation torque response, an analysis was completed. The stiffness 

component of impedance was responsible for the majority of the torque during the 

perturbation. Using the peak position, velocity and acceleration perturbation magnitudes, 

multiplied by the mean stiffness, damping and inertia values, respectively, the potential peak 

torque contributions were quantified. The stiffness component of impedance contributed 

approximately 67% of torque magnitude, while damping contributed approximately 1% and 

inertia contributed approximately 32%.

IV. DISCUSSION

This study investigated how ankle impedance is modulated during the foot-flat region of 

stance phase. Previous literature has shown that joint impedance is affected by many factors 

that change throughout the gait cycle, including joint position and muscle activation. As 

such, we hypothesized that ankle impedance would vary significantly during stance. Ankle 

impedance was estimated using perturbations and found to change significantly during the 

region of stance phase tested. Unexpectedly, the stiffness component of impedance was 

found to match the slope of the ankle’s torque-angle relationship during walking, having a 

value that changes in direct proportion to the change in ankle angle during stance phase. As 

such, the ankle stiffness during the evaluated portion of stance phase behaved as a quadratic 

spring. These results have important implications for the design and control of biomimetic 

robotic prostheses, since the measured behavior of the intact ankles presented in this study 

can be easily replicated by an artificial system.
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A. Stiffness Estimates

The stiffness estimates from the early part of stance (20% – 40%) were lower than or 

comparable to previously reported stiffness estimates made during quiet standing. During 

quiet standing, ankle stiffness values between 2.0 – 2.7 Nm/rad/kg have been reported [14, 

15], assuming a typical bodyweight of 70 kg. The estimates obtained during the latter part of 

stance (40% – 70%) were greater than previously reported for quiet standing, but were still 

less than would be expected during active torque generation under isometric conditions. 

Weiss et al. [18] demonstrated that ankle stiffness increases linearly with voluntary torque 

generation during isometric contractions. Using their results, we were able to estimate the 

ankle stiffness corresponding to the ankle torques generated during locomotion, but found 

these predictions to be in error. The stiffness estimated during locomotion was only 

approximately half of what would be predicted based on the isometric torque-stiffness curve 

for the human ankle. This finding agrees with previous work reported by Bennett et al. [37, 

38], who demonstrated that elbow stiffness decreases during movement, relative to that 

measured during the maintenance of posture. The reason for the decreased stiffness during 

movement is not clear. Reduced muscle activity during the early portion of stance [39], or 

reduced neural feedback during movement [40] may be contributing factors.

B. Comparisons of Quasi-stiffness and Stiffness

Our results show that the ankle stiffness during the evaluated region of stance phase is 

regulated to behave as a nonlinear spring with a position-dependent stiffness that is 

approximately equal to the quasi-stiffness. This behavior can be observed by comparing the 

stiffness and quasi-stiffness results in Fig. 6A. The equivalence of the stiffness and quasi-

stiffness during these measurements was not expected, since the muscles about the ankle are 

active during locomotion, and joint stiffness is known to change substantially with activation 

[41]. While the physiological mechanisms underlying this behavior are unclear, it has 

important implications for the design of prosthetic ankles made to replicate the mechanical 

properties of an intact ankle. A least during the region of stance phase evaluated in this study 

(20% – 70%), the stiffness of the human ankle can be approximated by a quadratic spring 

(see Implications for prosthesis design and control subsection). Beyond the tested region of 

stance, the intact ankle generates powered plantarflexion, a behavior that cannot be 

replicated by only a spring-like control system.

C. Damping Estimates

Damping estimates also increased during the stance phase, though the average values were 

not significantly different from zero except for the last measured time point (70% of stance). 

Some subjects even had negative values for damping estimates at 20% and 37% of stance 

phase. The large inter-subject variance and negative values could reflect poor estimates, as 

have commonly been reported in the literature [42], [15], or the negative values could 

represent the addition of small amounts of energy necessary to maintain locomotion. For 

example, passive dynamic walkers are able to “walk” with minimal energy added via 

ambulation down a slope [43, 44]; low-magnitude negative damping values could provide 

the energy needed for similar locomotion over level ground. However, future studies 
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providing more accurate estimates of damping will be required before these possibilities can 

be delineated.

D. Inertial Estimates

The investigation of ankle-foot inertia values was not a core objective of this study; however 

the inertia values remained consistent across subjects and timing points. Inertia values 

obtained were greater than the approximate inertia of the foot alone (~0.015 kgm2, [45]); 

indicating that some of the inertia estimated may represent other coupled body segments or 

the mechatronic platform. Mean inertia values did not differ significantly across timing 

points or perturbation directions which supports quality of the estimates.

E. Implications for Prosthesis Design and Control

The spring-like stiffness values simplify the design and control of biomimetic powered ankle 

prostheses. Using linear regression to model the average data presented in Fig. 6A, the 

bodyweight-normalized stiffness as a function of ankle angle was determined to be

(3)

with an R2 = 0.98; where ka is the normalized stiffness of the ankle (Nm/rad/kg). This linear 

stiffness function denotes a quadratic spring relationship between angle and torque.

Equation (3) lays the foundation for the design and control of a biologically-inspired ankle 

prosthesis. For example, a series-elastic ankle prosthesis that included a series stiffness 

tuned to the biological ankle stiffness function could minimize the mechanical work required 

by an electric motor within a powered prosthesis [46, 47]. Additionally, a control system 

may be used to emulate this mechanical behavior. To this end, a biomimetic impedance 

controller was defined, where the impedance control equation governing the ankle torque 

would be

(4)

θ0 is the equilibrium position of the stiffness element. Using the non-perturbed ankle angle 

and torque information, the equilibrium angle was calculated by solving (4) for the 

equilibrium position. The equilibrium position was found to be approximately invariant from 

20% – 70% of stance phase, with an average value of 0.075 ± 0.03 radians (this relative 

invariance follows as a result of the spring-like behavior of the ankle during stance phase). 

Neglecting the damping component of impedance, eqs. (3) and (4) were used to predict 

ankle torque during the investigated region of stance phase in the trials when no perturbation 

occurred (Fig. 7). The model-predicted torques were in agreement with the experimental 

data for most subjects. Thus, the stiffness function and impedance controller are 

parameterized by θ, promoting the development of a robust biomimetic design and control 

of powered ankle prostheses.
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F. Limitations

The methods used in this study rely on several assumptions. Previous studies have shown 

that ankle impedance varies with many factors previously noted [17–21]. Furthermore, more 

recent studies have shown the non-linear and time-varying nature of ankle impedance [23, 

48–51]. In the current study, we assume quasi-static, second-order dynamics despite changes 

to the conditions defining the joint’s state (i.e. angle, torque, activation). The rationale 

behind this decision comes from the previous success of such techniques in estimating ankle 

impedance in static conditions [13], as well as practical limitations of applying the 

perturbations needed for more sophisticated analyses. Thus, the proposed methods provide a 

suitable first step in the ongoing investigation of ankle impedance during locomotion and 

future work will focus on implementing more sophisticated, time-varying [52] or nonlinear 

methods [49].

The filter parameters were chosen to preserve data content while filtering unwanted noise. 

The selection of filter parameters was based on previous validation studies that reported 

accuracy within 5% [30]. The impedance values reported in this study were moderately 

sensitive to the selection of these parameters, suggesting that they may contribute to error in 

the impedance estimates. The analysis was more sensitive to the cutoff frequency when 

compared to filter order, which is consistent with analyses where multiple derivatives are 

calculated.

At 70% of stance phase, there is greater inter-subject variability of impedance values, which 

may indicate error in the estimates. During terminal stance phase (50% – 80% of stance 

[53]), heel rise occurs and the foot flexes about the metatarsophalangeal and tarsometatarsal 

joints. This joint flexion may cause a discrepancy between the measured angle of the ankle 

and measured torque. Additionally, such variability may arise from an increase in the 

mechanical coupling with other segments (i.e. shank). Further studies are needed to 

understand how ankle impedance changes with joint flexion and variations in joint 

mechanical coupling.

When subjects stepped onto the force platform on the Perturberator Robot, the location of 

heel contact varied. The starting location of each subject was adjusted such that, on average, 

the center of rotation of their ankle aligned with the rotation axis of the robot. Slight 

variations in each trial caused some discrepancy between the center of rotation of the 

subjects’ ankle and the rotation axis of the robot. The inter-subject average misalignment of 

rotation axes was 1.75 cm ± 1.56 cm. Previous studies quantifying the sensitivity of this 

misalignment using the Perturberator Robot have shown that ankle stiffness decreases by 6% 

per cm of misalignment during standing impedance estimation [31]. Therefore, this work 

predicts potential stiffness errors of 10.5% ± 9% as a result of misalignment.

The source of the ankle’s impedance presented in this work cannot be completely 

determined; that is, there is no separation of the intrinsic and reflex components of 

impedance. We believe that the estimated ankle impedance is likely to be dominated by the 

intrinsic mechanics of the muscles and passive tissues crossing the ankle joint, rather than 

reflex contributions. The shortest latency reflexes occur at approximately 40 ms following an 

externally imposed movement [54, 55] and peak muscle force in the triceps surae muscles 
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occurs approximately 60 ms later [56, 57]. Since our analysis window was restricted to 100 

ms following perturbation onset, any existing reflex contribution would have a limited 

impact on the measured torque considered in this study. During isometric conditions, 

reflexes have been shown to contribute 30 – 50% of the net torque measured at the ankle 

[58], but these pathways are known to be suppressed during movement [40] and when 

cocontraction is present [59, 60], conditions relevant to the stance phase of walking. These 

additional factors would likely further reduce the contributions of reflex mechanisms in the 

results reported in this manuscript, though we certainly do not discount their torque response 

contributions to ankle perturbations during unrestricted locomotion or other tasks for which 

reflex responses are known to be more substantial [58].
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Fig. 1. 
Left: Schematic of Perturberator Robot shown with relevant features highlighted, reprinted 

from [30]. Right: Perturberator Robot shown recessed into walkway. Total walkway length 

was approximately 5.25 meters.
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Fig. 2. 
Diagram showing ground reaction forces acting on the foot (solid). The resultant (dashed) 

ankle torque, Ta, is computed by multiplying the ground reaction force components by their 

respective perpendicular distances.
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Fig. 3. 
Mean values (bold) and standard deviations (translucent) for the non-perturbed trials (black 

line) and the first timing point with a dorsiflexion perturbation (red line) shown for a 

representative subject. Column A shows data from stance phase with perturbation onset 

denoted by the vertical line. Column B shows data during the analysis window. The 

impedance is estimated by the difference between the perturbed and non-perturbed data.
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Fig. 4. 
Average torque-angle relationship for a representative subject. The timing points are denoted 

by dots and the quasi-stiffness was calculated as the slope of the relationship at each timing 

point (thin black lines).
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Fig. 5. 
The resultant ankle angle (top) and resultant torque (bottom) plotted as a function of time for 

a representative subject and experimental conditions. The time window begins with the onset 

of the perturbation. The means are shown in bold with standard deviation in translucent. 

Note that these standard deviations reflect the variation in the mean of the bootstrap results, 

not the original data. The subject’s resultant ankle angle and torque profiles are shown in 

black and the model predicted torque is shown in dashed red.
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Fig. 6. 
Inter-subject average stiffness (A), damping (B) and inertia (C) estimates as a function of 

percentage of stance phase. Error bars denote the standard deviation across subjects and are 

offset for clarity. Marker style denotes perturbation type, with ‘Quasi’ denoting values 

obtained without a perturbation (i.e. quasi-stiffness). Stiffness estimates increased linearly 

with stance phase and quasi-stiffness values and stiffness estimates were not different. 

Damping estimates increased, with only the estimates at 70% differing significantly from 

zero and inertia was not different across timing points or perturbation directions.
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Fig. 7. 
Model predicted experimental torques shown of a representative subject during the foot flat 

region of stance phase. The model predicted torques were generated using the impedance 

control equation and the quadratic spring relationship. Standard deviations are shown in 

translucent.
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