
Session 13: Healthy Locomotion  

 

Co-Moderators:  William Ledoux, PhD (University of Washington; Seattle VA) and 

Julie Stebbins, PhD (Oxford University) 

 

9:00AM        13-1:  Deschamps, Kevin, et al. Multi-segment foot joint kinetics associated to 

running with a rearfoot striking pattern 

 

9:10AM        13-2:  Noginova, Julia, et al. The Effects of Subtalar Axis Orientation on 

Kinematics and Kinetics During Walking and Running 

 

9:20AM        13-3:  Price, Carina, et al. Kinematic mechanisms controlling heel velocity in late 

swing in healthy human walking 

 

9:30AM        13-4:  Schallig, Wouter, et al. Kinematic comparison of multi-segment foot models 

in healthy adults 

 

9:40AM        13-5:  Shumway, Victoria V., et al. Magnetic Resonance Assessment of Lower Leg 

Muscle Activation After Blood Flow Restricted Exercises: A Pilot Study 

 

9:50AM        13-6:  Zavatsky, Amy B., et al. How do the hindfoot axes of a multi-segment foot 

model and the underlying bony anatomy compare? 

 

 
 

 

 

 

 



Multi-segment foot joint kinetics associated to running with a rearfoot striking pattern 
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INTRODUCTION: The prevalence of running related injuries has increased the interest in the assessment of running 
biomechanics (1). Special attention has been given to the foot-strike pattern during running as evolving evidence suggests a 
considerable impact on lower limb kinetics and associated injuries. Though, current biomechanical studies lack adequate 
measurements of foot joint kinetics since typically single-segment foot models are used. Therefore, the purpose of the present 
study was to compare joint kinetics of the rearfoot, Chopart, Lisfranc and the first metatarsophalangeal joint (hallux) joints 
while running barefoot with a heel-striking pattern with those provided by a single-segment foot model. 
 

METHODS: Kinematic and kinetic data of seven active university students (4 men/ 3 women) were collected by a Vicon® 
3D motion analysis system (100 Hz) while running barefoot at an imposed constant speed of 3.3 m s−1 (±10%). Running 
sessions were performed on a 10-m walkway, with a plantar pressure platform (RSscan international, 200 Hz) placed on top of 
a force platform (AMTI®, 1000Hz); a dynamic calibration procedure, a so-called 3D synchronization box, was used for these 
two instruments. During each test session, the striking pattern was analysed through the feedback provided by the pressure 
platform. Multi-segment foot kinematics (Multi-Segment Ankle=Shank-Calcaneus, Chopart=Calcaneus-Midfoot, 
Lisfranc=Midfoot-Metatarsus, Hallux=first metatarsophalangeal joint) and single segment foot kinematics (Single Segment 
Ankle=Foot –Shank) were measured using the Rizzoli Foot Model (RFM) (2). The center of pressure and resultant ground 
reaction force was analysed for each RFM segment and for each collected frame by estimating subarea shear forces and normal 
moments as a proportion of the measured forces (so-called proportionality scheme described in Saraswat et al. (3)). Inertial 
parameters of foot segments were based on their mass and geometric volumes, whereas the mass of the foot was distributed at 
30/30/30/10 percent (from proximal to distal). Inverse dynamic calculations were according to the IOR-4Segment-model1 as 
in Deschamps et al. (4). All participants provided and signed an informed consent, and the ethics committee of the University 
Hospitals Leuven approved the protocol. 

 

RESULTS: Considerable overestimation of the ankle power generation and absorption was observed in the single-segment 
foot model. The Chopart joint had an average peak power generation of 3.19 Watt/kg and power absorption of 2.88 Watt/kg. 
The Lisfranc joint showed considerable power generation whereas the Hallux mainly contributed to power absorption.  
 

DISCUSSION: The current study provides new insight into the compliant behavior of the foot joints during running. An 
overestimation of power absorption at the ankle of 40% with respect to the single segment model is demonstrated. Cross-
validation of the current findings is recommended since a proportionality scheme was used, which was be validated only in 
walking.  
 

SIGNIFICANCE/CLINICAL RELEVANCE: The findings of the current study may help in unraveling and managing the 
etiology of certain foot and lower limb pathologies such as stress fractures and tendon lesions.  
 

REFERENCES: 1) Almeida et al. J. Orthop. Sport. Phys. Ther. 2015:45:738–755; 2) Leardini et al. Gait Posture. 2007:453–
462; 3) Saraswat et al. Gait Posture. 2014:39, 339–345;4) Deschamps et al. J Biomech. 2017:16;61:168-175. 
 

 
Table 1. Summary table (group mean and standard deviation (SD) representing peak negative and positive power estimated 
with the single segment model and the IOR-4Segment Model.   

      Mean (SD) 

Single Segment 
Model 

Ankle + Peak Power (Watt/kg) 17.04 (1.58) 

 - Peak Power (Watt/kg) -7.63 (1.35) 
    

IOR- 
4Segment-
Model 1                     

Ankle + Peak Power (Watt/kg) 13.85 (1.20) 

 - Peak Power (Watt/kg) -4.51 (1.37) 
Chopart + Peak Power (Watt/kg) 3.19 (1.01) 

 - Peak Power (Watt/kg) -2.88 (1.01) 
Lisfranc + Peak Power (Watt/kg) 1.57 (0.58) 

 - Peak Power (Watt/kg) -0.24 (0.14) 
Hallux + Peak Power (Watt/kg) 0.34 (0.27) 

 - Peak Power (Watt/kg) -2.17 (0.92) 
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The Effects of Subtalar Axis Orientation on Kinematics and Kinetics During Walking and Running 
 

Julia Noginova1, Hunter J. Bennett1, Michael A. Samaan2, Stacie I. Ringleb1 
1Old Dominion University, Norfolk, VA, 2University of California-San Francisco, San Francisco, CA 

Email of Presenting Author: JNogi001@odu.edu  
 

INTRODUCTION:  The ankle and subtalar joint (STJ) provide primary dorsiflexion/plantarflexion and inversion/eversion 
during gait, respectively. Biomechanical models frequently keep the STJ locked. Further, when it is included, like in the 
commonly used OpenSim model Gait2392 [1], the orientation angles of the STJ axes are set at the low range as reported by 
Inman [2]. Inman reported average inclination and deviation angles as 42° from the horizontal plane and 23° from the midline 
of the foot. Gait2392 STJ orientation angles are set at 37.2° and 8.7°, respectively. Therefore, the purpose of this study was to 
determine how the variation to Inman’s axes affect kinematics and kinetics during dynamic motion in OpenSim (SimTK). 
 
METHODS: Three-dimensional marker position and ground reaction force (GRF) data of walking and running were exported 
from Visual3D (C-Motion) for five subjects as part of an IRB approved study after informed consent was obtained. The data 
were imported into OpenSim v3.3 and used to scale the default Gait2392 for each subject. Inverse kinematics and dynamics 
were computed using OpenSim in the standard model and after changing the STJ orientation in the scaled model to match 
Inman’s average inclination and deviation angles. A two-tailed paired t-test was used to compare kinematics and kinetics of 
the original Gait2392 STJ axis orientation and Inman’s mean axis. Significance was set at p<0.05 for all analyses.  
 
RESULTS: Changing the STJ orientation to match Inman’s mean inclination and deviation angles resulted in a significant 
increase (p=0.0384) in the ankle range of motion during walking. The range of ankle joint moments calculated using Inman’s 
mean axes during running was significantly different (p=.0074) as compared to Gait2392 STJ axes. Significant differences 
were also found in peak STJ joint moments in both walking (p=.0002) and running (p=.0007). Changing the STJ orientation 
also resulted in large variation of STJ moment patterns during walking, with the average Inman’s mean axes producing two 
large peaks while the axis used by Gait2392 showed little to no second peak at all (Figure).    
 
DISCUSSION:  The mean ankle and STJ kinematics patterns for both Inman and default Gait2392 STJ models were similar 
to in vivo bone pin studies for walking [3]. The ankle kinematics calculated for both models were similar to the in vivo bone 
pin study for running [4], however there were no STJ kinematics. The STJ moments during walking show variability, which 
is consistent with prior studies [3]. The model with Inman’s mean axes has a double-peak curve for all 5 subjects while the 
model with Gait2392 STJ angles shows a slight double-peak for only 2/5 subjects, similarly to the literature that showed a 
double-peak for 1/3 subjects. A limitation of this study is that due to lack of studies and the variability in subject specific 
differences, we are not able to verify which model is correct.  Future work will aim to determine if a generic STJ axis is 
sufficient or if subject specific STJ axes should be used.     
 
SIGNIFICANCE/CLINICAL RELEVANCE: Biomechanical models may help answer questions about STJ kinematics and 
kinetics in vivo, if the validity of the models is established.   
 
REFERENCES: 1) Delp, et al. IEEE Trans Biomed Eng 37,757-767,1990. 2) Inman,The Joints of the Ankle.Williams & 
Wilkins, 1976. 3) Arndt, A., et al. Foot Ankle Int 25,357-364, 2004 4) Reinschmidt, C.,et al., Clin Biomech. 12, 8-16,1997. 
 

  
(i)                                                                                (ii) 

 
Fig.  Mean subtalar joint moment of one stance cycle calculated using original Gait2392 subtalar axes vs Inman’s axes 
for five subjects i) walking and ii) running. Dotted line indicates Gait2392 subtalar axes while solid line is for Inman’s. 
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Kinematic mechanisms controlling heel velocity in late swing in healthy human walking 
 

Chatkaew Pongmala1, 2, 3, Carina Price3, Julie Reay3, Richard Baker3 
1King Chulalongkorn Memorial Hospital, Bangkok, Thailand 2University of Turin, Italy 3University of Salford, UK 

c.l.price@salford.ac.uk 

 

Disclosure: C Pongmala was supported on a scholarship from King Chulalongkorn Memorial Hospital, Bangkok, Thailand 

while conducting this research. 

 

INTRODUCTION:  Winter first measured the velocity of a marker placed on the distal heel at foot contact during walking 

and concluded that this was virtually zero in the vertical direction and low in the horizontal direction (1) questioning the 

relevance of the term 'heel strike'. He suggested a number of late swing mechanisms which have the potential to achieve this 

low velocity, but did not specify which were actually responsible. This study has thus sought to explore these mechanisms. 

 

METHODS: 10 healthy volunteers (7 female, 31 [SD 4] years old) consented to participate in the study which had been 

reviewed by the institutional ethics committee of the University. Kinematic data from 6 trials each of walking barefoot at 

self-selected speed, and 25% slower and faster, was captured with an optoelectronic tracking system using a CAST protocol. 

One marker was placed as distally as possible on the heels of participants without it being displaced during walking. Foot 

contact was detected from four force plates with a 10 N threshold. Horizontal and vertical components of the heel marker 

velocity and ankle, knee and hip joint centers were recorded. The recorded linear velocities being within the kinematic chain 

enabled the velocity at the heel (compared to the hip/centre of mass) to be attributed to kinematic mechanisms (joint angular 

velocities were also recorded for reference). Data was not filtered and smoothed only by averaging.  

 

RESULTS:  Horizontal heel velocity at foot contact was measured as 0.04 m.s-1 (95% CI: -003, 0.11) at self-selected walking 

speed, 0.00 m.s-1 (95% CI: -0.08, 0.07) at slow speed and 0.20 m.s-1 (95% CI: 0.09, 0.31) at fast speed. Vertical heel velocity 

varied less with speed and at foot contact was -0.13 m.s-1 (95% CI: -0.19, -0.07) at self-selected speed (Figure 1). Velocities 

of the joint centers of the hip (1.32-1.99 m.s-1), knee (1.14-1.84 m.s-1) and ankle (0.41-0.77 m.s-1) in the horizontal direction 

also demonstrated similar values across walking velocities.   

 

DISCUSSION:  The heel horizontal velocities are lower than reported by Winter (0.87 m.s-1) and the vertical velocities 

towards the floor a little higher (slow walking -0.17 95% CI: -0.24, -0.10) than Winter’s virtually zero report (1). Both 

differences can be explained by variations in experimental protocols; Winter (1) utilized digitized video data and did not 

report the exact placement position of the heel marker. The values in the current study are closer aligned to others reported in 

more recent literature with similar cohorts (vertical 0.19 m.s-1 (2); horizontal 0.27 m.s-1 (3)). The mechanisms accounting for 

the difference in horizontal velocity between the hip and heel, and therefore the nature of the foot-floor contact, were knee 

flexion (55%) and ankle plantarflexion (30%) with a limited amount of hip extension also making a smaller contribution 

(11%). These mechanisms were consistent across velocities and highlight the importance of both knee flexion and ankle 

plantarflexion commencing in late swing to ensure smooth contact of the foot with the ground.  

 

SIGNIFICANCE/CLINICAL RELEVANCE: The work establishes, in agreement with Winter, that heel velocity is extremely 

low at the end of swing and this may be a requirement for normal walking. Extending this methodology to explore whether 

and how patients with different conditions achieve this may be insightful.  

 

REFERENCES:   

     1. Winter, D.A. Phys Ther. 1992;72(1):45-53. PMID: 1728048 

  2. Price C, et al. Gait Posture. 2014;40(1):26-31. PMID: 24618371 

  3. Lockhart et al. Ergonomics. 2003; 46(12):1136-1160. PMID: 2891178 

 

 

 

 

 
 

 
 

   

  
 

 
Figure 1. Horizontal (a) and vertical (b) velocity of the heel marker across the gait cycle (from foot off to foot off) at self-

selected walking speed. The grey areas represent ± one standard deviation from the mean. The red area denotes the last 

third of swing to foot contact (dashed vertical line).  
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Kinematic comparison of multi-segment foot models in healthy adults 
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Mario Maas2, Jaap Harlaar1, 4 
1VU University Medical Center, Amsterdam Movement Sciences, NL, 2Academic Medical Center, Amsterdam Movement 

Sciences, NL, 3Nuffield Orthopaedic Centre, Oxford, UK, 4Delft University of Technology, Delft, NL 

Email of Presenting Author: w.schallig@vumc.nl 
 

INTRODUCTION: Three dimensional gait analysis is widely used to analyze altered gait patterns in pathologies (e.g. 

cerebral palsy, Charcot-Marie-Tooth), to identify problems and evaluate treatment. Conventionally, the foot has been 

modeled as one rigid segment. To comply with foot complexity, especially in the case of foot deformity, several multi-

segment foot models have been developed, including the Oxford Foot Model1 (OFM) and Rizzoli Foot Model2,3 (RFM). 

These multi-segment foot models have different characteristics (e.g. amount of segments, marker placement and axis 

definition), which makes their output difficult to compare. Insight into how these differences affect ankle and foot kinematics 

will assist in comparing studies that use different models, however, the output of these models has not yet been thoroughly 

compared. Therefore, the aim of this study was to compare the kinematic output of OFM and RFM during normal walking. 

  

METHODS: Ten healthy adults (26.6±2.6 years, 4 male), participated in this study. Markers were placed on both lower 

extremities according to the Newington marker model4. On the right foot, additional markers were placed to define both OFM 

and RFM. A static standing trial was performed to calculate offset angles2,3 and to define the segment axes1. Subjects walked 

barefoot at their comfortable walking speed on a 10m walkway, while markers were captured by a 12-camera Vicon system. 

Five force plates (AMTI) were used to determine gait events. Each trial was time-normalized to 100% of the gait cycle and 

the average over 3 trials was used. Statistical parametric mapping
5
 paired t-tests were used to compare joint angles between 

the models, including the hindfoot-shank (HF-SH), forefoot-hindfoot (FF-HF) and hallux-forefoot angle (HX-FF).  

 

RESULTS:  Differences between OFM and RFM are presented in Table 1 and the FF-HF dorsiflexion angle is shown in 

Figure 1. The HF-SH waveforms did not differ in plantar/dorsal flexion. However, more inversion was shown for RFM for 

almost the entire gait cycle and more internal rotation was shown in the OFM waveform for periods during the early stance 

and swing phase. The FF-HF angle of RFM compared to the OFM showed more plantar flexion around toe-off, more 

eversion during periods in the stance phase and almost no differences (< 3% of the gait cycle) in abduction/adduction angle. 

The HX-FF angle of RFM was in more dorsal flexion compared to the OFM during the period around toe-off. 

 

DISCUSSION: This study shows the differences in kinematic output between OFM and RFM during gait in healthy subjects. 

These differences are mainly a result of different axes definitions between the models. For example, the coordinate system of 

the hindfoot in RFM is more inverted compared to OFM, which not only yields an systematic difference (“offset”) , but also 

means that movement of the foot segments will be decomposed differently (“crosstalk”). Different marker locations will yield 

different sensitivity to skin movement artefacts, that might further explain differences found. Our next step will be to analyze 

voluntary modified gait patterns by healthy subjects to challenge the robustness of the models and their differences.   

 

SIGNIFICANCE/CLINICAL RELEVANCE: This study gives insight in 

the differences in kinematic output between OFM and RFM, which is (1) 

important to be able to compare kinematic foot studies, (2) to rationalize 

the choice of a certain model and (3) to understand a potential directional 

bias when using a model in patients with complex foot problems.  

 

REFERENCES:   

1.Stebbins, J., et al.  Gait Posture. 2006 Jun; 23(4):401-410.   

2.Leardini, A., et al. Gait Posture. 2007 Mar; 25(3):453-462. 

3.Portinaro, N., et al. J Foot Ankle Res. 2014 Dec; 7(1):1-7.  

4.Davis, R., et al. Hum Mov Sci. 1991; 10(5):575-587. 

5.Pataky, T. J. Biomechanics. 2010 Jul; 43(10):1976-1982. 

 

 

 

 

 

Figure 1. The dorsiflexion angle of the FF-HF. 

The shaded areas are SD around the group mean 

for OFM and RFM. The significant part during 

the gait cycle is marked at the top of the graph.  
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Magnetic Resonance Assessment of Lower Leg Muscle Activation After Blood Flow Restricted Exercises:  

A Pilot Study   
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1Exercise Science, Brigham Young University, UT, 2Electrical Engineering, Brigham Young University, UT 

Email of Presenting Author: victoriaviolette3@gmail.com  
 

Disclosures:  Victoria V. Shumway (N), A. Wayne Johnson (N), Neal Bangerter (N), Grayson Tarbox (N

 

INTRODUCTION: Blood flow restriction (BFR) exercise is a form of exercise intervention that has been growing in 

popularity for both athletes and recovery patients. Studies show that BFR exercise leads to an increase in protein synthesis, 

hormone response, and muscle activation resulting in increased muscle strength and hypertrophy1. The leading way to 

measure muscle activation is surface EMG, and only one study has investigated BFR exercise muscle activation using EMG2. 

In this pilot study, we propose to (1) assess the effectiveness of MRI T2 mapping in showing muscle activation and (2) to see 

whether BFR exercises show a greater increase in muscle activation compared to non BFR exercises. 

 

METHODS: Three healthy male 23-year-old subjects (ht:74.3±2.08cm, wt:77.86±9.45kg) were recruited according to 

established IRB procedures and gave informed consent before participating.  The subjects had their lower leg scanned using a 

3Tesla magnet (Siemens TIM-Trio 3.0T MRI) prior to exercise. A 2D Multi-Echo Spin Echo sequence was used to construct 

T2 maps with a matrix of 256x256 (ROxPE) with 8 echoes. An 8-channel foot/ankle coil was used to obtain a total of 20 

10mm slices. The subjects then exercised according to the following protocol: 3 sets of 25 calf raises followed by 3 sets of 15 

squat jumps with 30-60 seconds of rest between sets. If the subjects were not able to do the full 15 or 25 on the last set, they 

were told to go to failure. Another MRI was performed immediately following their exercise regimen (<5minutes) so that 

muscle activation before and after could be compared.  

     One week later another exercise session was performed with KAATSU bands around their proximal thighs. The pressures 

ranged from 280-310mmHg, all within the ideal 50-85% occlusion range which was measured via pulse wave ultrasound (GE 

Logiq P6, 9L probe). The same procedure was followed as in the control condition, with a T2 map created for pre and post 

exercise. The T2 maps were segmented and compared manually with Osirix software. Paired t-test were used to determine 

differences between and within conditions. To assess within condition change in activation, all segmented muscles were 

evaluated as whole. To assess differences between conditions, muscle segmentation was done by lower leg compartments. 

 

RESULTS:  There was no significant difference between the pre-exercise activation levels between the control (C) and 

KAATSU (K) groups (C=38.9± 2.69, K=39.1±2.31, p=0.776).   

     Within each group, there was an overall significant increase in activation in both the C (p=.001) and the K (p<.001) when 

comparing their pre and post T2 maps of the entire lower leg. C showed a 5.9% increase and K showed a 11.5% increase.  

     Between the conditions, the K posterior compartment produced significantly increased activation levels compared to the C 

posterior compartment values (p=.001). C increased 7.1% while K increased 12.2%. In the lateral compartment, there was 

also significant increase in activation (p<.05). C increased 7.5% and K increased 14.7%. The anterior compartment showed 

no significant difference between C and K conditions (p=.30). C decreased 3.9% and K increased 4.2%.  

 

DISCUSSION:  Our results showed that T2 mapping was an effective way of assessing muscle activation after exercise. A 

benefit of MRI assessment of activation is that it shows the entirety of the muscle body rather than just small sample region 

of the muscle. It also allows for accurate measurement of deeper muscles that previously could not have been evaluated with 

surface EMG alone, like the tibialis posterior. One limitation of this method is that MRI is a post measurement, and cannot be 

measured while exercise is going on, like EMG allows. We observed that BFR exercise showed a greater increase in muscle 

activation than exercise alone. This supports the limited research that exists regarding muscle activation with BFR. 

 

SIGNIFICANCE/CLINICAL RELEVANCE: Noninvasively identifying muscle activation could be used to diagnose 

metabolic muscle disease, identify and pinpoint muscular dysfunction, observe muscle deterioration in aging individuals, and 

help researchers better understand the biological foundation of muscle chemistry.  

     BFR allows for an increased muscle activation with lower resistance exercises, which helps retard muscle atrophy in 

recovery patients.  

  

REFERENCES:  

1. Loenneke JP, et al. Acta Physiol Hung. 2012;99(3):235–50. 

2. Wilson JM, et al. Journal of Strength and Conditioning Research, 27(11), 3068–3075.   
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How do the hindfoot axes of a multi-segment foot model and the underlying bony anatomy compare? 
 

Amy B. Zavatsky1, Adward M.H. Paik1, Jessica Leitch1, Alpesh Kothari1,2, Julie Stebbins2 
1University of Oxford, Oxford, UK, 2Oxford Gait Laboratory, Nuffield Orthopaedic Centre, Oxford, UK 

Email of Presenting Author: amy.zavatsky@eng.ox.ac.uk 
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INTRODUCTION:  Musculoskeletal models used in gait analysis require coordinate systems to be identified for the body 

segments of interest. These are necessary for tracking segment motion and calculating the angles at the joints. Bone-

embedded axis systems are typically specified based on palpatable anatomical landmarks or identifiable features and are 

assumed to represent the underlying bony anatomy. In most multi-segment foot models, skin-mounted markers placed on the 

calcaneus are used to define the medio-lateral, antero-posterior (AP), and proximal-distal axes of the hindfoot (or rearfoot) 

segment and, with tibia-based axes, to calculate the overall motion of the ankle joint complex, a combination of the relative 

movements of the tibia, talus, and calcaneus. Since the specified marker positions on the calcaneus may be difficult to 

identify and the talus is entirely inaccessible, it is not clear exactly how the hindfoot axes defined by gait markers relate to the 

anatomy of these two bones. Therefore, the aim of this study was to compare the marker-based axes to the bone morphology. 

 

METHODS: Twenty adult females (age 26 ± 6 yrs, height 1.68 ± 0.07 m, weight 57.0 ± 7.0 kg) with no known foot 

deformities participated in the study, which was approved by National Health Service (England) Research Ethics Committee. 

Radio-opaque monitoring electrodes (Type 2223, 3M Healthcare) were placed on the participants’ feet and ankles at the 

marker locations specified for a multi-segment foot model used widely in clinical gait analysis [1]. CT images (GE 64-slice 

Light-speed VCT scanner, 100 kV, 110 mA) were acquired as the participants lay supine with their feet in a semi-weight 

bearing posture, achieved using a custom-built rig (based on [2]) that applied 40% body-weight to each foot. Standard bone 

and soft tissue scan algorithms (slice thickness and distance both 0.625 mm) were used to scan each foot separately.  

     The spatial coordinates of the electrodes were obtained from the CT images using Mimics software (Materialise). These 

were used to define the AP-axis of the hindfoot [1] and the long-axis of the foot (Heel-Toe or HT axis, taken to lie along a 

line connecting the marker on the posterior distal end of the calcaneus to one on the dorsum of the foot between the heads of 

the second and third metatarsals). Segmented masks of the tali and calcanei were created using a thresholding algorithm 

supplemented with manual editing and exported in STL format. SolidWorks (Dassault Systèmes SolidWorks Corp.) was used 

to create 3D bone models. The unit vectors of the principal axes were obtained using the mass properties tool. The first 

principal (FP) axis was taken to represent the orientation of each bone (t – talus, c – calcaneus). The projections of the four 

axes (AP, HT, FPt, FPc) in the plantar plane were compared.  

 

RESULTS:  Displacement of at least one marker, usually on the heel, in the CT loading rig meant that only the FPt and FPc 

axes could be calculated for some subjects. Results are summarized in Table 1. The angles between the AP axis and the HT 

and FPc axes were highly variable. The FPc axis aligned more closely and consistently with the HT axis than did the AP axis. 

A plot of FPc – FPt versus AP – FPc showed no apparent relationship between the two quantities. The difference between the 

AP and FPc axes increased the further away the two axes were from the HT axis. 

 

DISCUSSION: The FPc – FPt angle on average fell within the normal range for Kite’s angle (15-30º) [3]. Even for these 

normal, healthy feet, the marker-based AP axis was highly variable in relation to the underlying bony anatomy. The 

difference between the AP and FPc axes is likely to be greater in feet with deformity. 

 

SIGNIFICANCE/CLINICAL RELEVANCE:  The hindfoot AP axis considered here does not consistently represent the long 

axis of either the calcaneus or the foot. This implies that the third hindfoot rotation in the Euler angle sequence for the ankle 

(inversion-eversion or abduction-adduction, depending on the multi-segment foot model) takes place about an axis whose 

orientation relative to the standard planes of the foot or to the bony anatomy of the calcaneus is likely to be subject-specific. 

 

REFERENCES:  [1] Stebbins J, et al. Gait Posture. 2006; 23: 401-410. [2] Wolf, P. et al. J Biomech Eng 2007; 129: 931-936. 

[3] Coughlin  MJ, et al. 2006. Surgery of the foot and ankle (St Louis: Mosby). 

 

 AP – HT (º) 

n = 18 feet 

FPc – HT (º) 

n = 18 feet 

AP –  FPc (º) 

n = 18 feet 

FPc – FPt (º) 

n = 39 feet 

Mean ± Std Dev 2.5 ± 11.9 1.7 ± 2.8 0.9 ± 12.2 21.5 ± 5.0 

Standard Error 2.8 0.7 2.8 1.2 

 

Table 1. A positive angle indicates that the AP or FPc axis points more laterally than the HT axis and that the AP axis points 

more laterally than the FPc axis. 
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