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ABSTRACT 19 

Understanding the mechanics of torque production about the ankle during accelerative gait is key to designing 20 

effective clinical and rehabilitation practices, along with developing functional robotics and wearable assistive  21 

technologies. We aimed to explore how torque and work about the ankle is produce d as walking acceleration 22 

increases from 0-100% maximal acceleration. We hypothesised that as acceleration increased, greater work 23 

about the ankle would not be solely due to ramping up plantar flexor torque, and instead would be a product of 24 

adjustments to relative timing of ankle torque and angular displacement. Fifteen healthy participants performed 25 

walking without acceleration (constant speed), as well as low, moderate and maximal accelerations, while 26 

motion capture and ground reaction force data were recorded. We employed vector coding in a novel 27 

application to overcome limitations of previously employed evaluation methods. As walking acceleration 28 

increased, there was reduced negative work and increased positive work about the ankle. Furthermore, early 29 

stance dorsiflexion had reducing plantar flexor torque due to delayed plantar flexor torque onset as acceleration 30 

increased, while mid-stance ankle plantar flexor torque was substantially increased with minimal ankle 31 
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dorsiflexion, irrespective of acceleration magnitude. Assistive devices need to account for these changes during 32 

accelerative walking to facilitate functional gait. 33 

 34 

INTRODUCTION 35 

Understanding the mechanics of healthy human gait is key to designing effective clinical treatments and 36 

rehabilitation practices [1], in addition to the development of robotics and wearable assistive technologies [2-37 

4]. While research has primarily focussed on walking at constant speeds [5-7], 40% of walking bouts are 38 

performed with less than twelve steps [8]. As such, accelerations are a crucial component of ambulation, and it 39 

is important to understand how altered joint coordination strategies are adjusted to produce accelerative gait.  40 

 41 

Accelerative walking is typically associated with production of positive network produced about the ankle during 42 

stance, while constant speed walking ranges between zero or slightly positive net work output about the ankle 43 

[5, 9-11], which increases at faster walking speeds [12]. During preferred constant speed walking, ankle plantar  44 

flexor muscles remain relatively isometric and work is primarily performed by storing and returning energy 45 

within the Achilles tendon [13]. Alternatively, accelerative gait is associated with increased ankle dorsiflexion at 46 

ground contact [9], increased net positive work about the ankle [9, 10], decreased negative work about the ankle 47 

[10] and reduced braking impulse [14-17]. Using ultrasonography, Farris and Raiteri [18] demonstrated that the 48 

increase in net work about the ankle during acceleration was produced by plantar flexor muscles contraction, 49 

while ankle angle and the muscle-tendon unit length remained relatively consistent during midstance. Joint 50 

mechanics linked to torque production about the ankle during constant speed and accelerative walking are 51 

therefore very different, and further examination is needed to clarify how torque production is altered over a 52 

range of accelerations.  53 

 54 

To explore how torque is produced about the ankle, the torque-angle relationship during stance has previously 55 

been examined during constant speed walking [12, 19]. As can be seen in Figure 1, distinct regions of the ankle 56 

torque-angle curve have been described by three linear relationships during stance [19, 20], identified as the 57 

early-rising phase, late rising phase and a descending phase [19], while the area within the torque/angle curve 58 

represents the net work produced about the ankle during stance. During constant speed walking, the early-rising 59 

and late-rising phases both include increasing plantar flexor torque paired with increasing ankle dorsiflexion 60 

(Figure 1), however the slope of the linear regression fit during late rising phase is greater than the early -rising 61 

phase due to plantar flexor torque increasing more relative to ankle dorsiflexion (Figure 1). The descending 62 

phase then presents a declining plantar flexor torque and increasing plantar flexion angle.  63 

 64 
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Previous studies examining increasing constant walking speeds have identified that the gradient of the early 65 

rising phase and the descending phase remained unchanged, while the gradient of the late-rising phase 66 

increased until this phase was produced by increasing plantar flexor torque with no change in ankle angle [12, 67 

20, 21]. Farris and Raiteri [18] simulated accelerative gait on a treadmill and found that compared to constant 68 

speed walking, accelerative gait involved a shift in the late rising phase, similar to increasing constant speed 69 

(increase in ankle plantar flexor moment with no change in ankle angle). Thus, examining changes within phases 70 

demonstrated that accelerative gait has a very different control strategy for coordinating ankle torque and angle 71 

compared to preferred constant speed walking. Unfortunately, Farris and Raiteri [18] only examined walking at 72 

a single acceleration and therefore it is unknown how the torque-angle relationship changes as acceleration 73 

increases. Understanding how joint-level coordination and timing of torque production changes about the ankle 74 

to produce a range of accelerations will greatly assist with understanding how work about the ankle is 75 

performed.  76 

 77 

Optimising timing of ankle torque to produce net work is a key aspect of designing ankle prosthetics and assistive  78 

exoskeletons. The primary purpose of powered assistive devices is to mimic gait in such a way as to either reduce 79 

the metabolic cost for locomotion [2, 3, 22] or assist with minimising gait abnormalities [4, 23]. Adjustments to 80 

ankle joint control strategies needed for acceleration may be of particular interest to designers of ankle 81 

exoskeletal or prosthetic assistive devices that use ankle position (angle) as a control parameter for torque 82 

production [23-27]. As such, torque-angle relationships could be employed as an intuitive method for adjusting 83 

control strategies of assistive devices [20]. Research using assistive devices has demonstrated that functional 84 

gait requires torque, work and power to be produced at the optimal time and amplitude [25, 28, 29]. 85 

Furthermore, parameters such as peak torque, timing of peak torque, timing of torque onset and rate of torque 86 

development have all been shown to strongly influence metabolic cost during constant speed walking with 87 

exoskeletal devices [22, 28, 30]. Humans are capable of adapting their joint coordination strategy if assistive  88 

devices are not ideally controlled [25, 29, 31], however this adaptation may not result in gait that is beneficial 89 

to the user. Understanding how ankle torque-angle relationships are adapted during healthy accelerative gait 90 

could have significant implications for the development of such assistive devices. 91 

 92 

This study aimed to explore how torque and work about the ankle is produced as walking acceleration increases 93 

from no acceleration to maximal acceleration. We hypothesised that as acceleration increases, increased work 94 

about the ankle would not be due to solely ramping up plantar flexion torque, and instead would be a product 95 

of adjustments to the relative timing of ankle torque and angular displacement. We additionally hypothesised 96 

that as acceleration increases, there would be a proportional increase in the gradient of the ankle torque-angle 97 

relationship during the late rising phase. 98 

 99 
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METHODS 100 

Participants and protocol 101 

Fifteen participants (9 male and 6 female, age 27 ± 4 years, height 175 ± 9 cm, mass 70 ± 11 kg) gave written 102 

informed consent to participate in this study, which was approved by the Sport & Health Sciences Ethics 103 

Committee at the University of Exeter (180509/A/01). Participants attended the biomechanics lab at the 104 

University of Exeter on one occasion and performed barefoot walking. Participants were asked to walk without 105 

any acceleration (constant speed walking), henceforth referred to as no acceleration walking, as well as a self-106 

judged low, moderate and maximal acceleration. For the no acceleration condition, participants were told to 107 

walk at a comfortable speed that was slightly slower than their preferred walking speed. Once this had been 108 

practiced, walking speed when approaching an in-ground force plate was controlled for all conditions by a 109 

metronome that matched the participants’ step frequency during their no acceleration walking condition. 110 

Participants practiced accelerative gait by performing a maximal acceleration, which helped identify the range 111 

between 0-100% acceleration, after which they practiced moderate and low walking accelerations. Participants 112 

performed a self-selected warm-up and active motion capture markers (LED) were placed on their body. Once 113 

placed, participants performed no, low, moderate and maximal accelerative walking conditions in a block 114 

randomised order. During acceleration trials, participants performed the first acceleration step on the force 115 

plate and were instructed to push-off with the desired acceleration, which was maintained for three steps  116 

without initiating a running gait. Participants performed a total of eight successful walking trials per condition, 117 

where their right foot landed on the in-ground force plate, and they were not targeting the plate. 118 

 119 

Data collection and processing  120 

Three-dimensional motion capture data (200Hz) were collected using four scanning units (Codamotion, Rothley, 121 

UK) that each housed three motion sensors, via ODIN software (Codamotion, Rothley, United Kingdom). Force 122 

data (1000 Hz) for the right leg was obtained from a single in-ground force plate (BP400600HF; AMTI, 123 

Massachusetts) and logged synchronously using ODIN. Thirty-two active infrared LED markers were placed on 124 

the right leg and foot. Foot markers were placed in accordance with the IOR multi-segment foot marker set [32], 125 

with additional markers on the distal calcaneus, medial and lateral malleoli, medial and lateral knee joint-line, 126 

left and right anterior superior-iliac crest and posterior superior-iliac crest, and clusters of four markers placed 127 

midway along the lateral side of the right shank and thigh. Motion capture and force plate data were exported 128 

to Visual3D (C-Motion, Maryland, USA) for processing. Using a static trial, a generic rigid-body model (pelvis, 129 

right thigh, right shank, and right multi-segment foot) defined according to Visual3D’s standard geometries and 130 

scaled based on segment endpoints and body mass. A 2nd order two-way low-pass Butterworth filter was used 131 

to filter motion capture (cut off = 10 Hz) and ground reaction force (GRF) data (cut off = 25 Hz). The scaled model 132 

was combined with filtered motion capture and force plate data to obtain six degree of freedom (DOF) segment 133 

kinematics and inverse dynamic ankle joint torques. The ankle joint was defined with 6 DOF between rigid-bodies 134 

of the shank and rearfoot, with a 3-segment foot defined as per the IOR model [32]. Defining the ankle joint in 135 
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this way has been shown to provide improved estimation of joint angle changes [33], which has important 136 

implications for the ankle torque-angle relationship, especially compared to previous research that used a single 137 

rigid foot segment [12, 19, 34, 35]. Neutral ankle angle (0°) was defined as the ankle position during quiet 138 

standing with plantar flexion defined as positive. Data were exported to Matlab (MathWorks, Natick, MA, USA) 139 

and normalised to 501 points over stance. Torque was normalised to body mass and then pelvis centre of mass 140 

(CoM) position, GRF, spatiotemporal, kinematic and kinetic outcome measures were calculated. 141 

 142 

Ankle plantar flexion joint angle during stance was calculated and its time derivative (joint velocity) was 143 

multiplied by plantar flexion joint torque to calculate ankle joint power. Net ankle joint work was calculated by 144 

integrating net ankle joint plantar-dorsi flexion power values during stance; positive ankle joint work was 145 

calculated by integrating positive ankle power values during stance; negative joint work was calculated by 146 

integrating negative ankle power values during stance. Ankle angular impulse was calculated by integrating ankle 147 

torque, and average ankle rate of torque development was obtained by dividing peak ankle torque by the time  148 

between start of plantar flexion ankle torque (zero ankle torque) and peak ankle torque. Because we only had 149 

values for stance, plantar flexion torque onset timing as a percent of stride was calculated to enable comparison 150 

to previous research, as end of stance timing (% stride) is relatively similar between constant speed and 151 

accelerative walking [10]. Toe-off was estimated to occur at 60% stride, therefore: stride time = stance time + 152 

(stance time * ⅔). 153 

 154 

Due to only having markers on the pelvis and right leg (missing data of the left leg and trunk), and a restricted 155 

motion capture volume that only obtained stance of the right leg, whole body acceleration over one stride could 156 

not be accurately determined using kinematics. Therefore, percent of maximal acceleration was used as a 157 

surrogate measure for acceleration and was calculated by dividing individual net accelerative GRF impulse for 158 

each trial by the maximal net accelerative GRF impulse achieved for each participant across all their trials. By 159 

computing this for each trial, we were able to analyse the data with acceleration as an independent variable on 160 

a continuous scale, rather than using categorical experimental conditions ( i.e., no, low, medium, and high 161 

acceleration), where constant speed gait is simply zero (-10 to 10% acceleration. It should be noted that because 162 

we did not have a second force plate, impulse and accelerations are for the right leg only, and do not account 163 

for left leg push off and braking that would occur at the start and end of stance.  164 

 165 

Initially we set out to classify three linear relationships within the ankle torque-angle relationship (early-rising, 166 

late-rising and descending phase) using the same method as Crenna and Frigo [19]. However, this proved 167 

impractical as clear onset of the late-rising phase was very difficult to identify in individual trials. Therefore, we 168 

employed vector coding to analyse the relationship between ankle torque and angle . In depth detail of the 169 

rational for vector coding can be found in Supplementary File 1, along with averaged torque -angle relationships 170 
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for each participant. Vector coding is commonly used as a method to examine coordination variability [36, 37], 171 

however this method also performs well at quantifying how two measures are increasing or decreasing in 172 

relation to one another. In this study, we used vector coding methods on ankle torque (vertical-axis) and ankle 173 

angle (horizontal-axis) and to examine the ankle torque-angle relationship (Figure 2). Time normalised torque 174 

and angle magnitudes were normalised to the maximal ankle torque or ankle angle (plantarflexion) for each 175 

participant across all their trials [38]. The relationship between the two measures was classified based on their 176 

360° proximity to reference angles representing predefined coordination patterns (Figure 2): 90° Increasing 177 

Torque Phase (increasing ankle plantar flexion torque with no change in ankle angle); 135° Dorsiflexion Anti-178 

phase (ankle plantar flexion torque and dorsiflexion angle are increasing proportionally); 180° Dorsiflexion Phase 179 

(increasing dorsiflexion angle with no change in ankle plantar flexion torque); and 315° Plantar Flexion Anti-180 

phase (decreasing ankle plantar flexion torque while ankle plantar flexion angle is increasing proportionally). 181 

Plantar flexion was defined as positive and therefore, simultaneously increasing dorsiflexion angle and plantar  182 

flexion torque was defined as dorsiflexion anti-phase (decreasing plantar flexion and increasing ankle torque). It 183 

should be noted that this notation is less clear when plantar flexion torque and dorsiflexion torque both occur 184 

during the movement. However, this limitation did not impact the results of this study, as dorsiflexion torque 185 

was not produced except very briefly during initial ground contact (heel-strike to foot flat). The 360° angle 186 

produced between consecutive ankle torque-angle data points was obtained and rounded to the nearest whole 187 

integer (Figure 2). To visualise our results on a continuous acceleration scale, a 3D frequency graph was created 188 

by summing the total number of instances that each 360˚ angle occurred. To highlight the effect of acceleration 189 

on the fraction of stance time spent close to different phases, groupings within the frequency plot were 190 

identified by visual inspection. 191 

 192 

Statistical analysis 193 

Due to marker drop out or a horizontal impulse less than -10% maximal acceleration (deceleration), only three 194 

no acceleration trials were usable for one participant and five for another. However, because linear mixed 195 

modelling was performed on continuous data (% maximal acceleration) and is robust to missing data points, we 196 

do not believe this biased the results. All other participants had at least 6-8 successful trials per condition (total 197 

of 456 successful trials analysed). Linear regression graphs for each outcome measure are presented in 198 

Supplementary File 2 with overall lines of best fit and the average gradient of change reported in Table 1 to 199 

demonstrate the overall change and provide justification for using linear mixed models (LMM). LMM’s were 200 

performed to assess the effect of acceleration on outcome measures on a continuous scale. LMM’s were 201 

designed such that each outcome variable was analysed with percent maximal acceleration and average 202 

horizontal pelvis CoM velocity as fixed effects, and participant (repeat measures) as a random effect (452 203 

degrees of freedom). Average pelvis velocity was employed as a fixed effect, as ankle work and torque are 204 

systematically influenced by walking speed [12]. To examine if there was a significant effect of acceleration on 205 

each output variable, a Likelihood Ratio Test was performed between each LMM and their null counterpart 206 

(without Acceleration as a fixed effect). To account for multiple comparisons, Bonferroni post-hoc analysis was 207 
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performed, reducing the alpha from 0.05 to 0.003. Raw P-values are reported but they were only considered 208 

significant if below the adjusted alpha. Acceleration values were input into the LMM as ranging from -0.1 - 1 (-209 

10 - 100% acceleration), therefore LMM estimates for acceleration are interpreted as the estimated change as 210 

acceleration increased from 0% acceleration to 100% acceleration. LMM estimate, 95% confidence interval and 211 

P-values from the Likelihood Ratio Test are presented. Ankle angle, torque, and torque-angle relationship group 212 

mean graphs for each categorical condition (no, low, medium and maximum acceleration) are presented for 213 

ease of viewing the data (Figure 3). However, all outcome variable statistics reported in text used the LMM 214 

change and therefore describe the change as acceleration increased from 0-100% acceleration.  215 

 216 

RESULTS 217 

Average pelvis velocity during stance was 1.45 ± 0.13 m/s for 0% acceleration and linearly increased up to 2.14 218 

± 0.30 m/s for 100% acceleration. Statistical analyses reported in Table 1 include LMM estimated change as 219 

acceleration increased from 0-100% maximal acceleration with 95% confidence intervals, adjusted for fixed and 220 

random effects within the LMM. For reference, Table 1 also includes the mean change of lines of best fit from 221 

the linear regression graphs presented within the Supplementary File 2, to illustrate the model fits. 222 

 223 

Ankle torque-angle relationship 224 

The decrease in negative work and subsequent increase in net positive work that occur with increasing 225 

acceleration (Table 1) can be explored by examining the ankle torque-angle relationship in Figure 3C and the 226 

vector coding frequency graph in Figure 4, which illustrates where the torque-angle curve predominantly 227 

operated during stance relative to key vector coding phases. In Figure 4, groupings of data can be seen to shift 228 

as acceleration increased and have been highlighted (red bars) using visual inspection between -10 and 10% 229 

acceleration and 90-100% acceleration (maximal acceleration). At -10 to 10% acceleration, Group A (Figure 4), 230 

was centred slightly to the right of the Increasing Torque Phase (highest density and colour intensity) and 231 

extended through Dorsiflexion Anti-Phase, indicating that ankle dorsiflexion was occurring as ankle plantar  232 

flexion torque increased. Alternatively, as acceleration increased, Group A split into two distinct groupings 233 

(Group A1 and A2) with a sparse area in-between. Group A1 was centred directly over the Increasing Torque 234 

Phase (Figure 4), indicating that accelerative torque increased with no change in dorsiflexion, regardless of the 235 

level of acceleration (Figure 3C and 4). Alternatively, Group A2 moved towards the Dorsiflexion Phase as 236 

acceleration increased, indicating percent of stance in passive dorsiflexion increased with acceleration 237 

magnitude (Figure 3C and 4). Finally, Group B is primarily made up from plantar flexion during push off (Figure 238 

3C) and remained similar across all accelerations (Figure 3C and 4). 239 

 240 
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DISCUSSION 241 

This study aimed to explore how angle, torque and work about the ankle are produced as walking acceleration 242 

increased from 0-100% maximal acceleration. We found a clear difference in how torque was produced about 243 

the ankle during early and mid-stance as acceleration increased. Primarily, differences about the ankle were 244 

found in net, positive and negative work, timing and magnitude of torque production, and the ankle torque-245 

angle relationship morphed from a biphasic group pattern during walking without acceleration, to a triphasic 246 

group pattern as walking accelerations increased. 247 

 248 

Ankle joint work 249 

When accounting for fixed and random effects as acceleration increased, net work about the ankle increased 250 

due to greater positive work and reduced negative work (Table 1). Negative work about the ankle decreased to 251 

near zero as acceleration increased up to maximal (Supplementary File 2) due to reduced braking force, which 252 

subsequently reduced pelvis CoM deceleration during early/midstance (Table 1). This result supports previous 253 

work which also demonstrated that braking impulse decreases as acceleration increases [14-17]. However, the 254 

increase in positive work about the ankle was four times greater than the decrease in negative work. Therefore, 255 

increased net work about the ankle during accelerative walking was likely performed by a greater reliance on 256 

plantar flexor muscles to produce a positive ankle work as acceleration increased and contribute to a greater 257 

peak accelerative GRF [18], with very limited energy absorption from CoM momentum (reduced negative work). 258 

This is opposed to walking without acceleration, where the body’s kinetic energy is converted to Achilles tendon 259 

strain energy while the plantar flexor’s muscle fascicles act isometrically [13].  260 

 261 

Ankle torque and timing 262 

The increase in positive and net work about the ankle required for acceleration was primarily produced by an 263 

increase in peak torque (Figure 3B). However, when accounting for fixed and random effects as acceleration 264 

increased, stance time remained constant, onset of plantar flexor torque was delayed (Table 1) and peak torque 265 

occurred significantly earlier (Figure 3A). Therefore, increasing acceleration required a significantly greater 266 

average rate of torque development about the ankle. These findings support previous research, where walking 267 

acceleration relied upon a delayed onset of lateral gastrocnemius muscle activation, paired with greater 268 

activation ramping to a higher maximal magnitude [18]. The delayed onset of plantar flexor torque was likely 269 

one factor that enabled a decrease in negative work about the ankle, enabling the ankle to move through 270 

dorsiflexion with minimal plantar flexor torque and reduced braking force to maintain a higher pelvis CoM 271 

velocity during early-midstance. Despite an increase in maximal ankle torque as acceleration increased, there 272 

was no change in ankle angular impulse, which was likely due to no change in stance time  combined with delayed 273 

onset of plantar flexor torque. This supports our first hypothesis that an increase in ankle work as acceleration 274 

increases would not be due to solely ramping up plantar flex ion torque and would also be a product of 275 

adjustments to the relative timing of ankle torque and angular displacement.  276 
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 277 

Ankle torque-angle relationship 278 

This study applied vector coding methods to examine how the ankle torque-angle relationship during stance 279 

changed with increasing acceleration (Figure 3C and 4). Our results indicate that preferred walking without 280 

acceleration is biphasic, with two groupings (A and B) emerging in the vector coding frequency graph (Figure 4), 281 

while previous studies have suggested that preferred constant speed walking is triphasic [19]. When walking 282 

without acceleration, Group A had the greatest density and colour intensity of points (spacing and red colour) 283 

situated to the right of the Increasing Torque Phase and skewing through the Dorsiflexion Anti-Phase. While 284 

vector coding has no time dimension, Figure 3C demonstrates that Group A was primarily produced during early 285 

and mid-stance of walking with no acceleration, where the ankle torque and dorsiflexion angle are increasing 286 

proportionally and likely relate to underlying storage of energy within the Achilles tendon [13]. Group B had a 287 

relatively narrow spacing of points when walking without acceleration, which was situated closest to the Plantar  288 

Flexion Anti-Phase (Figure 4), with Figure 3C indicating it is primarily produced during push-off (late stance) and 289 

seems well-suited to representation by a linear function (Figure 3C). When there was no acceleration, Group A 290 

spans from Dorsiflexion Anti-Phase to Increasing Torque Phase without an obvious transition point (Figure 3C 291 

and 4), therefore attempting to split the ankle torque-angle curve into two separate linear relationships during 292 

early-mid stance (Group A) may be problematic, and a single non-linear function would be more appropriate.  293 

Alternatively, previous studies have shown that as constant walking speed increases, a triphasic pattern 294 

emerges, with a clear transition point appearing in the ankle torque-angle relationship between early and 295 

midstance [12, 20, 21]. Therefore, when employing vector coding analysis on fast constant speed walking, we 296 

predict that three distinct groups will be present. Ultrasound imaging studies that have explored a range of 297 

constant walking and running speeds, suggest that the triphasic pattern at fast speeds is a product of plantar  298 

flexor muscle fascicles concentrically contracting to perform greater positive work at higher speeds, instead of 299 

acting isometrically [39]. 300 

 301 

As acceleration increased, a triphasic pattern of three separate groups (A1, A2 and B) emerged (Figure 4). Group 302 

A1 was centred directly on top of the Increasing Torque Phase and did not change as acceleration increased 303 

(Figure 4). Group A2 was situated between Dorsiflexion Anti-Phase and Dorsiflexion Phase, but increasingly 304 

shifted toward the Dorsiflexion Phase as acceleration increased (Figure 4). Finally, Group B was centred close to 305 

the Plantar Flexion Anti-Phase and did not appear to change as acceleration increased (Figure 4). The additional 306 

group was a product of the Group A splitting into two distinct groups (A1 and A2) as acceleration increased 307 

(Figure 4). Group A2 (Figure 4) represents ankle dorsiflexion with minimal plantar flexor torque as acceleration 308 

increased, which primarily occurred during early stance (Figure 3C). Group A1 (Figure 4) represents increasing 309 

plantar flexion torque with little change in ankle angle, which was primarily occurring during mid-stance  310 

following a clear transition period (Figure 3C). Interestingly, Group A1 and A2 form in very different ways. As 311 

acceleration increased, Group A2 migrates towards the Dorsi-flexion Phase, while Group A1 is centred near 312 
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perfectly over the Increasing Torque Phase for all accelerations (Figure 4). This contradicts our second 313 

hypothesis, which suggested there would be a smooth shift in gradient of the ankle torque-angle relationship  314 

during mid-stance, as walking acceleration increased from 0-100% maximal walking acceleration.  315 

 316 

Therefore, during mid-stance, torque is likely produced similarly between fast constant speed walking [12, 20, 317 

21] and accelerative walking (Figure 3C and 4), observing an increase in torque with minimal or no change in 318 

dorsiflexion angle. However, similarities are not present during early stance, where fast constant speed walking 319 

is produced with an increase in torque and dorsiflexion angle  [12, 20, 21], while accelerative gait is performed 320 

with increasingly passive dorsiflexion and reduced plantar flexion torque as acceleration increases (Figure 3C 321 

and 4). As such, fast constant speed walking is likely produced by a combination of storing energy within the 322 

tendon during early-stance, while muscles act isometrically (increasing torque combined with ankle dorsiflexion 323 

angle change) [13], paired with muscles contracting to perform net work during mid-stance (increased torque 324 

with minimal angle change) [39]. Alternatively, very little energy is likely to be stored in the Achilles tendon 325 

during early stance of accelerative gait, as dorsiflexion occurs with minimal plantar flexion torque, hence the 326 

delay in muscle activation found previously by Farris and Raiteri [18]. Instead, most of the work about the ankle 327 

must performed by muscle fascicles actively shortening during mid-late stance. Thus, joint mechanics linked to 328 

generation of ankle torque and work are fundamentally different between all constant walking speeds and 329 

accelerative walking. 330 

 331 

An additional question therefore presented itself during data analysis: what mechanisms exist to balance the 332 

external and internal forces about the ankle as acceleration increases (Figure 3C), facilitating increasing ankle 333 

plantar flexor torque with no change in ankle angle , irrespective of the magnitude of acceleration? As 334 

acceleration increased, minimum pelvis CoM velocity during early/midstance (relative to pelvis CoM velocity at 335 

heel-strike) also increased due to reduced braking forces (Table 1). This maintains a greater CoM angular  336 

momentum over the stance leg (considering an inverted pendulum model of stance) which is in opposition to 337 

the large plantar flexor torque produced during mid-stance when accelerating. Both minimum pelvis CoM 338 

velocity and ankle plantar flexor torque increased as acceleration increased (Supplementary File 2), which may 339 

act to balance each other and produce little or no ankle rotation during mid-stance (Figure 3C). However, this 340 

results in the pelvis horizontal CoM position at peak ankle torque moving further outside of the base of support 341 

as acceleration increases (Table 1). Pushing the CoM further outside the base of support could have implications 342 

for risk of falling in clinical populations [40], making changing walking speed or initiating gait potentially more 343 

hazardous than constant speed walking. 344 

 345 

Practical applications 346 
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Understanding mechanisms for how the body performs accelerative walking has widespread applications in 347 

foundational understanding of human movement, clinical gait biomechanics and the development of assistive  348 

devices. Our study has demonstrated clear changes to the ankle torque-angle relationship as acceleration 349 

increases from 0-100% maximal acceleration. Such changes need to be mimicked by control schemes of assistive 350 

wearable exoskeletons to avoid hindering the wearer as they try to accelerate. Our results demonstrate that 351 

during accelerative steps, a powered exoskeletal or prosthetic device needs to rotate near passively through 352 

dorsiflexion during early stance, which requires assistive plantar flexor torque onset to be delayed compared to 353 

constant speed walking. Torque magnitude must then rapidly increase while maintaining a fixed ankle position. 354 

This results in a very different torque-angle relationship compared to what is currently being implemented by 355 

assistive ankle exoskeletons during constant speed walking [25]. Previous research has identified substantial 356 

changes in net metabolic cost when altering torque onset timing from assistive devices by as little as 3-10% of 357 

stride [30, 41]. We estimated that onset delay relative to stride time increased by 8.5% as acceleration increased 358 

from 0-100% (Table 1), and therefore onset timing will likely play a crucial role in altering coordination strategies 359 

of assistive devices to produce accelerations that do not negatively alter gait. Changes in timing of torque onset 360 

can be examined relative to percent of the gait cycle, represented by dots spaced every 10% of stance  within 361 

the ankle torque-angle relationship (Figure 3C). Dots connected between conditions by a dashed line represent 362 

30% of the gait cycle and can be seen to have reduced torque and increased ankle dorsiflexion angle as 363 

acceleration increases. Using ankle torque-angle relationships as input for exoskeletal control systems: torque, 364 

angle, work, and event timings relative to percent gait cycle (stance/stride) may be altered. 365 

 366 

Using the torque-angle data presented here, accelerative steps produced using torque or position-based control 367 

schemes could be parameterised for powered devices [23-26]. Increasing the maximal power and torque that 368 

must be produced by powered assistive devices comes at a cost that may require larger and heavier motors and 369 

batteries. However, exoskeletal devices could alternatively maintain the same level of torque as constant speed 370 

walking and instead depend on muscles of the leg to produce the additional torque required for acceleration. In 371 

this way, only the timing of plantar flexor torque onset and average rate of torque development need to be 372 

adjusted. Unfortunately, passive devices cannot contribute net positive work and must rely on elastic energy 373 

stored during ankle dorsiflexion during early and mid-stance to produce force [2]. Therefore, while 374 

microprocessors and clutch mechanisms could be harnessed to alter timing of torque production  of passive  375 

devices and avoid impeding acceleration, assisting acceleration by altering the rate of torque development to 376 

match coordination strategies of both constant speed and accelerative walking remains infeasible with current 377 

designs. 378 

 379 

To facilitate altered coordination strategies during accelerative walking, devices need to detect the intent to 380 

perform an accelerative step. While all accelerative gait appears triphasic in nature, the magnitude of these 381 

changes (maximal torque, delay of torque onset and rate of torque development) shift gradually as acceleration 382 
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increases. When accounting for fixed and random effects within the LMM as walking acceleration increases, 383 

ankle plantar flexion during initial ground contact was reduced by 4.6 ˚ (Figure 3A) and ankle position at heel 384 

strike was 13 mm closer to the CoM, while ankle angle at heel-strike was not statistically different (Table 1). 385 

Identification of these variables during walking could be obtained using angular encoders during initial ground 386 

contact, providing an indication not only of intent to accelerate, but potentially also the magnitude of desired 387 

acceleration. It should be noted that this study only examined the first accelerative stride following constant 388 

speed walking, due to availability of a single force plate. Future research may need to examine if accelerative 389 

walking over several consecutive strides or from a standing start (gait initiation), present with similar results to 390 

this study. Additionally, examination of muscle contractile mechanics during accelerations with and without 391 

assistive devices will be crucial to understanding how muscles contribute to altered coordination strategies 392 

during accelerative gait [18, 42, 43] 393 

 394 

Pushing the CoM further outside of the base of support during accelerations could potentially result in an 395 

increased risk of falling in both physically disabled persons that require assistive devices, as well as elderly 396 

populations. Elderly populations have a higher risk of falls due to reduced reaction speed [44] and muscular  397 

strength [40]. Subsequently they are less able to recover from tripping or perturbations [45]. Older individuals 398 

also have high spatiotemporal variability during gait initiation [46] and have reduced centre of pressure 399 

movements [47], especially during dual tasks for elderly fallers who significantly reduce their anterior 400 

displacement of the CoM during gait initiation [47]. High spatiotemporal variability and reduced centre of 401 

pressure movement during gait initiation may be a result of trying to maintain the CoM within the base of 402 

support but struggling to do so. Further research examining torque production about the ankle and position of 403 

the CoM during accelerative walking is needed to understand how elderly people perform accelerative walking 404 

movements (gait initiation, accelerative gait changes, turning accelerations) which may be important to help 405 

reduce the risk of falling.  406 

 407 

CONCLUSION 408 

We have demonstrated that at the ankle, accelerative gait is produced with increased average rate of torque 409 

development, increased maximal torque and no change in ankle angular impulse despite an increase in ankle 410 

net work, due to no change in contact time and increasingly delayed onset of plantar flexor torque as 411 

acceleration increases. We have employed vector coding in a novel application to examine how joint mechanics 412 

to produce torque and work about the ankle change as walk acceleration incre ases. We found that early stance 413 

dorsiflexion occurs with reduced or no resistance as acceleration increases, and mid-stance ankle plantar flexor 414 

torque increased with minimal ankle angle change, irrespective of the magnitude of acceleration. As such, 415 

development of assistive devices needs to account for these changes during walking to facilitate functional  416 

accelerative gait. 417 
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TABLES 558 

Table 1: Key outcome measures are presented using the linear changes as acceleration increases from 0 -100% 559 

maximal acceleration. Linear regression lines of best fit averages, along with linear mixed model (LMM) mean 560 

change, 95% confidence interval (CI) and P value are presented. Positive values demonstrate an increase in the 561 

outcome measures as acceleration increases, while negative values demonstrate a decrease in the outcome 562 

measure as acceleration increases. 563 

Outcome measure 

Linear Regression Linear Mixed Model 

Line of best fit 

gradient 

Estimated 
change due to 

acceleration 

CI (95%) P Value 

Stance time (s) -0.158 -0.019 -0.032 - -0.006 0.005 

Peak Accelerative GRF (N) 123 114 100 - 127 < 0.001 
Peak Braking GRF (N) -108 -72 -86 - -58 < 0.001 

Minimum horizontal velocity of the pelvis CoM, relative to velocity 
at heel-strike (m/s) 

0.32 0.22 0.17 - 0.28 < 0.001 

Maximum horizontal velocity of the pelvis CoM, relative to 

minimum pelvis velocity (m/s) 
0.64 0.37 0.32 – 0.472 < 0.001 

Pelvis horizontal CoM position, relative to the anterior border base 

of support (toe), at the instant of peak torque (mm) 
81 72 57 – 88 < 0.001 

     
Ankle Joint     

Net Work (J/kg) 0.35 0.18 0.16 – 0.23 < 0.001 
Positive Work (J/kg) 0.28 0.15 0.11 – 0.19 < 0.001 

Negative Work (J/kg) - 0.07 -0.04 -0.06 - -0.2 < 0.001 

Maximal Torque (Nm/kg) 0.57 0.65 0.58 – 0.73 < 0.001 

Angular Impulse (Nm.s/kg) -0.09 0.01 -0.02 – 0.03 0.635 
Time between heel-strike and onset of positive plantar flexion 
torque (s) 

0.045 0.078 0.060 – 0.096 < 0.001 

Time between heel-strike and onset of positive plantar flexion 
torque (% stride) 

8.6 8.5 6.5 – 10.4 < 0.001 

Time between onset of positive plantar flexion torque and peak 
plantar flexion torque (s) 

-0.160 -0.068 -0.089 - -0.047 < 0.001 

Time between onset of positive plantar flexion torque and peak 

plantar flexion torque (% stride) 
-8.2 6.3 -8.3 - -4.3 < 0.001 

Average rate of torque development (Nm/s) 5.75 4.20 3.44 – 4.98 < 0.001 

Ankle plantar flexion angle at heel-strike (˚) -2.4 -0.6 -2.0 – 0.7 0.359 

Ankle plantar flexion angle during initial ground contact (˚) -6.7 -4.6 -5.7 – -3.4 < 0.001 
Horizontal distance between ankle joint and pelvis CoM at heel 

strike (mm) 
9 13 9 - 17 <0.001 

 564 

 565 
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 567 

 568 

 569 
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FIGURES 570 

 571 

  572 

Figure 1: Example of ankle torque-angle relationship from a single participant during constant speed walking, averaged over multiple 573 
steps, describing the early-rising phase, late-rising phase, and the descending phase. 574 

 575 

 576 

Figure 2: Vector coding methods used to define the 360 ° angle of the ankle torque-angle relationship between each datapoint. Example 577 
ankle torque-angle curve demonstrates how the 360° angle between data points is identified and correlates to the four key phases 578 
identified in this study (Increasing Torque Phase, Dorsiflexion Phase, Dorsiflexion Anti -Phase and Plantar Flexion Anti-Phase). 579 

 580 

 581 
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 582 

 583 

Figure 3. Mean ankle joint angle (A) and torque (B) for each walking condition (plantar flexion = positive). Dots on  ankle torque-angle 584 
curve (C) represent 10% portions of stance with a dashed line connected between the dots corresponding to 30% of stance. Heel -strike 585 
to toe-off occurs in a clockwise direction as indicated by arrows. Vector coding angles of the 4 key phases identified within this study 586 
are illustrated. 587 

 588 

 589 

 590 
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Figure 4: Frequency plot of vector coding angles. Individual trials are plotted along the vertical axis based on percent of m aximal 591 
acceleration, thus individual trials can be observed as 456 dotted horizontal lines, which overlap (456 trials), with each dot in the 592 
horizontal line representing the frequency of each individual 360° phase angle (horizontal axis) for that trial. Colour inten sity values 593 
indicate the number of times that an angle is present within the 501 data timepoints of stance. Thus, red values represent that angle is 594 
being performed with high frequency of at least 10 data points during stance. Angle frequency values of 0 are transparent. Gr oupings 595 
(red boxes) were identified between -10 and 10% acceleration (A and B), and 90-100% acceleration (A1, A2 and B). Four key reference 596 
phases are depicted as vertical lines: 90° Increasing Torque Phase, 180° Dorsiflexion Phase, 135° Dorsiflexion Anti -phase, and 315° Plantar 597 
Flexion Anti-phase.  598 


