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Abstract

Background Control system design for a microprocessor-controlled hip—knee—ankle—foot (HKAF) prosthesis
is a challenge since hip disarticulation amputees lack the entire leg and, therefore, only have pelvis movement
as user-guided input. This research proposes a method for determining hip joint angles from pelvis movement
in a control system for the next generation of powered prostheses.

Method Three-dimensional pelvic motion and stance time of 10 transfemoral (TF) prosthetic users were used

to identify important features and to develop an algorithm to calculate hip angles from pelvis movement based

on correlation and linear regression results. The algorithm was then applied to a separate (independent) TF group
to validate algorithm performance.

Results The proposed algorithm calculated viable hip angles during walking by utilizing pelvic rotation, pelvic tilt,
and stance time. Small angular differences were found between the algorithm results and motion capture data. The
greatest difference was for hip maximum extension angle (2.5+2.0°).

Conclusions Since differences between algorithm output and motion data were within participant standard devia-
tions, the developed algorithm could be used to determine the desired hip angle from pelvis movements. This study

analysis, Transfemoral prosthetic gait

will aid the future development of gait control systems for new active HKAF prostheses.
Keywords Gait analysis, Hip angle calculation, Active hip prostheses, Motorized prostheses control, Pelvic motion

Introduction

People with an amputation at the hip level have the most
difficulty returning to walking [1]. Operating a passive
hip disarticulation (HD) prosthesis can be physically
demanding, especially for elderly users, and requires suf-
ficient physical fitness [2, 3]. Furthermore, in cases where
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people continued to use their prostheses, excessive pelvic
tilt and rotation during ambulation could eventually lead
to spinal injuries [4]. The lack of muscle power at the hip,
knee, and ankle/foot can also result in a fixed and slow
cadence. A possible solution to reduce physical demand
and improve mobility in people with HD amputation is
to utilize active actuators to operate the hip joint intel-
ligently. User input is required for hip control; however,
identifying viable user input that could be used for pros-
thetic control is a challenge since hip disarticulation
amputees lack the entire hip and leg.

In conjunction with knowledge of 3D gait biome-
chanics, advancements in actuator and sensor tech-
nologies have produced effective control systems for
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lower extremity prostheses [5]. Powered knee joints that
actively aid the prosthetic user in challenging terrains can
be beneficial by reducing strain on the body [6, 7]. How-
ever, microprocessor-controlled and powered hip joints
are only now being investigated in the research domain
[8].

Ueyama et al. [8] substituted conventional prosthetic
hip and knee joints with conventional fully passive
(mechanical) hip joints and semi-active (active dampen-
ing) knee joints with robotic motorized joints to actu-
ate the knee and hip. Their prototype used a simple gait
control strategy to mirror intact limb motion (echo-con-
troller). A feedback controller allowed the hip to extend
while compressing a virtual spring as the participant
moved the intact limb forward. The compressed vir-
tual spring’s potential energy was released during swing
phase, allowing the actuators to swing the prosthesis for-
ward. While this gait control method produced natural
gait patterns, the control method was not viable for day-
to-day activities due to limited user control and overreli-
ance on the regularity of the steady state gait [9]. Delayed
response is another disadvantage of echo controllers [10].
Real-time user control becomes especially crucial while
operating a powerful joint capable of propelling the user
forward and delayed response of the prosthesis may lead
to loss of balance [11]. Mirroring the intact limb is also
problematic for stumbles or other asymmetric gait activi-
ties (e.g., working in a kitchen, etc.). With the evolution
of hip prosthetic actuation, the need for a robust and reli-
able control mechanism has become essential [12].

Similar to transfemoral (TF), some people with HD
amputation are fitted with a prosthesis and receive reha-
bilitation to use the new prosthesis appropriately [13].
Unlike TF amputees that utilize thigh skeletomuscular
segments to help control their prosthesis, HD patients
typically rely on their pelvis and torso to operate and
control their passive hip—knee—ankle—foot (HKAF) pros-
thesis [14—16]. Since motorized HD prosthesis kinet-
ics and kinematics differ from gait with passive devices
[8], applied torque through the motorized hip joint will
require a specific gait control strategy [12]. That is, con-
ventional mechanical HD prosthesis biomechanics can-
not be directly used for optimal motorized hip joint
performance. A more appropriate comparator for walk-
ing with a powered hip joint would be TF amputee gait
since both powered-hip-HKAF, and TF prostheses can
have similar prosthetic knee joints and feet; therefore, a
well controlled hip joint could allow an HD amputee to
walk as well as a TF amputee [17]. The sole body segment
an HD amputee can directly control is the pelvis. Thus,
understanding how TF amputees’ pelvic motion relates
to hip angle during the gait cycle can be the basis of a
powered hip joint control approach.
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In this research, we identified common pelvic motion
features during the gait cycle among TF prosthesis users
and determined how these features influence hip flex-
ion and extension. These pelvic features and their rela-
tionship with hip rotation were then used to develop an
algorithm to estimate the hip angle at each instance in
the gait cycle. Thus, this algorithm enables hip angle to
be calculated from pelvic motion measurements. Suc-
cessful evaluation of this algorithm with a separate TF
amputee gait dataset demonstrates the viability of this
new approach. This pelvis-based approach enables pro-
gression to the next phase of powered hip joint control
system development, leading to better mobility for peo-
ple with hip level amputations.

Methods

We investigated TF amputee pelvic motions (pelvic tilt,
pelvic obliquity, pelvic rotation) and their relationship
with hip rotation. This data was used to develop an algo-
rithm to calculate hip angles throughout the gait cycle,
from pelvic motion while walking on a treadmill with
no incline. Hip angles calculated by the algorithm were
compared with measured (motion-captured) hip angles
to quantify algorithm. This study focused on analyzing
model performance during steady-state walking.

Databases

Two databases of transfemoral amputee gait were used
in this study, for algorithm development and validation.
Dataset selection requirements were: all participants
must be TF amputees; participants must ambulate with-
out relying on walking assistive devices such as canes,
walkers, or treadmill assistive bars; gait data must be
from steady-state sequences of level walking tests.

A database from a group of 10 people with unilateral
transfemoral amputation with K3 and K4 activity lev-
els [18] was used for algorithm development. Data were
collected in the CAREN Extended virtual reality labora-
tory at The Ottawa Hospital Rehabilitation Centre and
processed with C-motion Visual 3D (version 6) using six
degrees of freedom model and MATLAB software ver-
sion 2021a [19-22]. People walked on a treadmill (level
walking) at self-selected walking speeds (1.05+0.27m/s),
and ten strides per person were extracted (a total of
100 strides). The development group’s mean age was 47
(£9.4) years, weight was 85 (+ 8.6) kg, and height was 176
(£9) cm. The gait events were processed using foot veloc-
ity relative to the pelvis method [23] and through manual
verification. This database has been utilized in various
biomechanics-related studies published in literature [21,
24, 25]. The Ottawa Health Science Network Research
Ethics Board approved the secondary use of this dataset.
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Testing group data were obtained from a recently pub-
lished database ([26, 27]) that used 10 VICON 3D motion
capture cameras and a dual belt instrumented Bertec
treadmill. Ten people with unilateral transfemoral ampu-
tation with K2 and K3 activity levels met our inclusion
criteria. Participants walked at different fixed speeds
based on their activity level. People with K2 activity lev-
els completed separate walking trials at 0.4, 0.5, 0.6, 0.7,
and 0.8 m/s. Those with K3 activity levels walked at 0.6,
0.8, 1.0, 1.2, and 1.4 m/s. The marker data were then pro-
cessed using modified Vicon plug-in-gait model to obtain
the hip and knee kinematics [28, 29]. The pelvic kine-
matic data were processed using a CODA pelvic model
in MATLAB™ R2021a [30]. The testing group’s mean
age was 47 (+15) years, weight was 84.5 (+17.6) kg, and
height was 177 (£ 11) cm.

Differences between the development and testing
groups for activity level, walking speed, or prosthetic
components are desirable when evaluating model perfor-
mance on different groups of participants. This helps to
determine model generalizability and avoid cases where
better results are due to training and testing on the same
group. Prosthesis details for both groups are presented in
Tables 1 and 2.

Algorithm development

Pelvic movement in sagittal (anterior/posterior tilt), fron-
tal (lateral tilt or obliquity), and transverse (pelvic rota-
tion) planes were investigated, and gait phase transition
timing was assessed to determine their correlation with
hip angle throughout the gait cycle.

In this study, any posterior movement of the pelvis
and hip joints were considered as positive angular dis-
placement (posterior pelvic tilt, forward pelvic rota-
tion, and hip flexion), while anterior movements were

Table 1 Testing group details

PNO Mobility class Prosthetic knee Knee control Number
method of
strides
1 K3 Pli¢! Microprocessor 166
2 K2 C-leg? Microprocessor 263
3 K3 C-leg? Microprocessor 232
4 K3 Rheo® Microprocessor 210
5 K2 C-leg? Microprocessor 249
6 K3 C-leg? Microprocessor 243
7 K2 C-leg? Microprocessor 235
8 K3 Cleg? Microprocessor 310
9 K3 Plig' Microprocessor 285
10 K3 C-leg? Microprocessor 210

Manufacturers: 1=Freedom innovations, 2 = Ottobock, 3=0ssur
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Table 2 Development group details
PNO Mobility Class Prosthetic knee Knee control Number
method of
strides
1 K4 Cleg’ Microprocessor 10
2 K4 Cleg' Microprocessor 10
3 K3 C-leg’ Microprocessor 10
4 K3 C-leg' Microprocessor 10
5 K4 Endolite Mechanical 10
6 K4 Mauch? Mechanical 10
7 K3 C-leg’ Microprocessor 10
8 K4 Trulife Mechanical 10
9 K3 X3! Microprocessor 10
10 K4 X3! Microprocessor 10

Manufacturers: 1=0ttobock, 2 =0Ossur

considered as negative angular displacement (anterior
pelvic tilt, backward pelvic rotation, and hip extension).

The hip angle calculation algorithm development
required:

A. Hip angle features: Temporal and spatial hip angle
features to calculate hip angular velocity.

B. Correlations: Analyze pelvic motion and stance time
data to determine common features and correlations
with hip angle features.

C. Hip angle feature calculation equations: Develop
regression equations to calculate the hip angle fea-
tures using the identified pelvic features in step B.

D. Identification of per-person constants: Determine
constant parameters unique to each person’s gait
characteristics that could be used for algorithm
development.

E. Sequential hip angle calculation: Develop an algo-
rithm for real-time hip angle calculation using
parameters obtained in steps C and D.

E. Algorithm performance analysis: Evaluate the model
with a new data set (testing group).

Each of these will be considered in turn.
A. Hip angle features

A typical gait cycle for people with transfemo-
ral amputation includes ([17, 31]): foot contacts the
ground (foot strike) with the hip flexed to~30° hip
moves to~5° of extension at the end of stance; hip
starts to flex ~ 35° until 80%-90% of stride; and hip flex-
ion decreases ~5° in terminal swing to ensure that the
prosthetic knee is fully extended before the next foot-
strike [32—35].



Golshan et al. Journal of NeuroEngineering and Rehabilitation

Hip angle kinematics can be divided into three periods
(Fig. 1), with each period having a linear progression of
hip angle by time (i.e., constant slope or constant angular
velocity).

+ Period 1 (hip extension): Initiates at foot-strike and
ends at 50-60% of the gait cycle. The angular velocity
vector is always negative.

+ Period 2 (hip flexion): Initiates at hip max extension
and continues through the stance-to-swing transition
with minor angular velocity change. The velocity vec-
tor is always positive.

+ Period 3 (knee control): Knee joint behavior directly
affects hip rotation in this period, with hip rotation
acting to keep the prosthetic knee fully extended.
For this study, hip angle throughout period 3 was
assumed to be constant (angular velocity is zero)
until the next foot strike.

Hip angular velocity was assumed to remain mostly
constant throughout each period, simplifying the hip
angle calculation. Five features were present for all par-
ticipants; therefore, these features were used to calculate
the constant angular velocity during each period. Spatial
features were hip angle at foot strike (HOg), maximum
hip extension angle (H6;), and maximum hip flexion
angle (HOp). Temporal features were maximum hip exten-
sion time (Htp) and maximum hip flexion time (Hrty).

For period 1 (hip extension), the constant angular
velocity was calculated using HOpg, HOp, and the dif-
ference in time between the two features. For period 2
(hip flexion), the constant angular velocity was calcu-
lated using HO;, HO, and the difference in time between
the two features. In period 3 (knee control), hip angle
was assumed to be constant at HO; (ie., zero angular
velocity).

Stance phase
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The algorithm uses these angular velocity values to cal-
culate hip angle at each time point. Therefore, equations
that define the relationships between pelvic kinematics
and hip features are required.

B. Correlations

Pelvic angular velocity, pelvic tilt, pelvic obliquity, pel-
vic rotation, and stance time per stride for each person in
the development group were analyzed to determine com-
mon features that could be used to calculate the constant
hip angular displacement and velocities. Twenty-two fea-
tures were identified as potential candidates. Next, p-ear-
son correlation analyses were applied to each feature
candidate to determine which features were most related
to the hip angle features. The strongest correlations were
(Fig. 2):

« Pelvic tilt angle at foot strike (PT0) and hip angle at
foot-strike (HOpg): r=0.95

+ Timing of pelvic rotation angular velocity zero-cross-
ing in early stance (PRy) and the hip rotation angle
range of motion during that period (AH): r=-0.75

+ Timing of pelvic tilt angular velocity first zero cross-
ing in midstance (PT,) and hip max extension time
(Htg): r=0.90

+ PT,cand hip max flexion time (Htg): r=0.82

+ Stance time (ts) and hip max flexion time (Hrtp):
r=0.93.

PT,¢ (Timing of pelvic rotation angular velocity zero-
crossing in early stance) can be detected in real-time by
continuously monitoring the 10 most recent pelvic tilt
angular velocity data samples. If the most recent sample
is positive while the prior 10 samples are negative, posi-
tive zero-crossing is detected (Fig. 3).

Swing phase
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Fig. 1 Three hip angle periods during gait cycle: hip rotation toward negative angle (extension), hip rotation toward positive angle (flexion),
constant angle. Measured curve is the average of 100 strides in the development group
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Fig. 2 Pelvic feature and stance time correlation with hip angle features. A Pelvic tilt angle at foot strike (PT6) and hip angle at foot-strike (HOs), B
timing of pelvic angular velocity zero-crossing in early stance (PR,c) and hip angle range of motion during that period (AH), C timing of pelvic tilt
angular velocity first zero crossing in midstance (PT,) and hip max extension time (Htp), D timing of pelvic tilt angular velocity first zero crossing
in mid-swing (PT,) and hip max flexion time (Ht), E stance time (ts) and hip max flexion time (Hty)

PRy (timing of pelvic tilt angular velocity first zero
crossing in mid-swing) is detectable by measuring the
pelvic rotation angular velocity zero-crossing (Fig. 4).
Initially, angular velocity should be in the positive region.
The crossing instance is marked if the angular velocity
vector crosses the zero value into the negative angular
velocity region.

C. Hip angle feature calculation equations

A series of linear regression equations were determined
to calculate the hip angle features based on the linear

relationships and correlations between pelvic motion
features, gait events, and hip rotation features (Fig. 2).
These regression equations are calculated sequentially
(from Eqs. 1-5) as the pelvic features and gait events
are detected (Fig. 6).

When foot strike is detected, regression Eq. 1 is used
to calculate hip angle.

HOFps = 24.27 4 (1.45 x PT0) (1)

where HO is hip angle at foot strike and PTO is pelvic
tilt angle at foot strike.
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Fig. 3 Pelvic tilt angular displacement (A) and corresponding pelvic tilt angular velocity (B). The red square represents the most recent sample,
while the blue stars represent the 10 data samples prior to the most recent sample

Once pelvic rotation zero crossing is detected (Fig. 4),
regression Eq. 2 is used to determines AH.

AH = —0.6261 — (59.04 x PRz() ©)

where PRy is the difference between the time of pelvic
rotation angular velocity first zero crossing and foot-
strike time. AH is the difference between hip angle at
foot-strike and hip angle at PR, time.

Approaching the end of stance phase, pelvic tilt zero
crossing is detected (Fig. 3) and used to calculate hip
max extension time using regression Eq. 3 and hip max
flexion time using Eq. 4.

Htg = 0.0462 + (1.15 x PT») 3)

Htpy = 0.3461 + (1.35 x PT z¢) (4)

where PT, is the time of pelvic tilt angular velocity zero
crossing, Htp is the hip max extension time, and Hrg, is
the hip max flexion time at the PT, instant.

During the foot-off instance, Hty is recalculated again
in Eq. 5 to take advantage of the higher Htp and 74

correlation value (R=0.94) compared to Htp and PT,¢
(R=0.84).

Hrtrg = 0.0874 4 (1.18 x 15) (5)

where Ty is the gait stance time, and Htgg is max hip flex-
ion time at foot-off.

D. Per person, unique constants

For hip angle calculation using the developed algo-
rithm, two unique input constants were defined for
each person after analyzing the development dataset:
mean hip max extension and mean hip max flexion
angles. In practice, during the fitting process, a pros-
thetist would increase or decrease these constants for
each patient until results are satisfactory [36]. That is,
iterative changes are made to the values during the
prosthetic fitting process until gait is acceptable to the
end-user and clinician, similar to the process for tuning
other microprocessor controlled prosthetic joints.
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Fig. 4 Pelvic rotation angular displacement (A) and corresponding pelvic rotation angular velocity (B)

Table 3 Per-person unique constants of development and
testing group datasets

PNO Development group Testing group
@E @F %E %F

1 —23.22 27.86 -4.69 37.14
2 —17.55 24.06 -5 2793
3 —3.85 3474 -10.26 28.02
4 -10.24 2429 -9.25 3733
5 —22.56 2852 -10.88 32.82
6 —25.02 16.05 —-761 41.01
7 -12.74 3350 —4.64 27.35
8 —1.55 36.81 -9.52 32.64
9 -17.80 26.15 -7.16 32.03
10 -20.22 7.54 —1594 38.64

HéE: Hip max extension angle constant, HéE: Hip max flexion angle constant

Hip max extension and max flexion angles tended to
be in a unique but limited range for each TF amputee
in the development group. Studies suggested that this
unique hip ROM is due to prosthesis user control strat-
egies to maintain balance during walking [37, 38]. The

per-person-specific hip max extension and max flexion
angle constants for both development and testing groups
are provided in Table 3.

E. Hip angle calculation

Figure 5 shows the general block diagram of the hip angle
calculation algorithm for steady state gait. Initially, pel-
vic features are extracted from pelvic motion data. Then,
using the hip angle feature calculation equations and
foot-off time, the hip parameters necessary for constant
hip angular velocity calculations are obtained. In the
algorithm’s last two stages, the calculated hip features are
used to calculate hip angular velocity and hip angle.

The six sequences shown in Fig. 6 represent five dif-
ferent hip angle equations used in the algorithm. Since
the algorithm was developed to run in real-time, pel-
vic features are detected by the algorithm at different
times during the gait cycle (since people walk at differ-
ent speeds). Therefore, different hip calculation equa-
tions are used depending on the timing of each pelvic
feature detection. The hip extension angle (period 1)
is calculated during the first three sequences. During
sequences 4 and 5, the hip angle during hip flexion
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Fig. 6 Calculated hip angle throughout the gait cycle. PR,¢: pelvic rotation zero-crossing time, PT,: pelvic tilt zero-crossing time, Ht: hip max
extension time, T,: stance time, Ht:: hip max flexion time. Sequences are foot-strike to PR, (sequence 1, solid red line), PR, to PT,¢ (sequence 2,
solid black line), PT,¢ to Ht: (sequence 3, solid blue line), Ht: to Tr, (sequence 4, red dashed line), Tr to HTy (sequence 5, blue dashed line), and Ht;

to the end of the gait cycle (sequence 6, black dashed line)

(period 2) is calculated, and during sequence 6 the
hip angle during period 3 is calculated. For detailed
mathematics of hip calculations for each sequence see
Additional file 1.

E. Algorithm evaluation

The developed algorithm was applied to both testing
and development groups. Algorithm performance was
assessed by calculating hip angle feature differences
between calculated (algorithm) and motion capture
system data (ground truth). To provide a reference for
whether the differences were appropriate or beyond
typical participant variability, the calculated differ-
ences were compared with participant averaged hip
feature standard deviations in the testing and develop-
ment set.

Results
Development group
The root-mean-square-error (RMSE) between the meas-
ured and calculated hip trajectory and the average differ-
ences between motion-captured features and algorithm
calculated data for the development group are shown in
Table 4. Participants walked at self-paced speeds ranging
from 0.67 m/s to 1.55 m/s, with a mean of 1.05+0.27 m/s.
Hip max extension angle had the largest difference
compared to other features, with the per-participant
averaged difference ranging from 1.5° to 3.5°. The greatest
overall mean difference was for hip max extension angle
(2.4+1.8°). Hip temporal features (Ht and Htp) had the
lowest difference, indicating that pelvic motion temporal
features were in sync with hip temporal features during
the gait cycles. The calculated hip features closely agreed
with the measured data, with correlation values varying
from 0.94 to 0.99. Similarly, the average RMSE between
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Table 4 Development group average differences and standard deviations between measured and calculated features for all
participants, average correlation between calculated and measured features, and average root-mean-squared-error between

calculated and measured hip trajectories

PNO Walking speed (m/s) HOg H6 Hrte HO; Hr Corr RMSE

1 1.50+0.01 3.0+10 19+16 0.0+0.0 1.1+1.2 02+00 0.98+0.01 326+0.73
2 1.23£0.16 25+09 171 0.0£0.0 28+15 0.1+£0.0 0.99+0.00 340+0.77
3 0.91+0.06 1.1+£10 26+18 0.0+0.0 1.0+14 02+00 0.94+0.03 211+£057
4 0.76+0.18 26+238 33+19 0.1+£0.0 1.8+£19 0.2+0.1 0.96+0.02 4.08+£0.74
5 1.09+£0.09 1614 35+35 00+0.0 28+08 02+0.0 0.98+0.01 518+1.05
6 1.00+0.10 1.0+08 32+28 00+00 19422 0.1+0.1 0.97+0.01 3.11+056
7 1.05+£0.03 26+1.1 25+25 0.0+0.0 33+48 0.1+0.1 0.95+0.03 4.06+£0.46
8 0.67+0.06 1.7+14 1.8+2.1 0.0+0.0 3.1+20 02+0.0 0.99+0.01 4.09+0.82
9 093+0.13 36+42 23+26 0.0+0.0 1.7+£2.1 0.1+00 0.96+0.02 3.13+055
10 131017 32%12 15+1.1 0.1+0.1 1.6+1.1 02+00 0.97+0.01 342+0.85
Mean 1.05+£0.27 23+13 24418 0.0+0.0 21+1.7 02+0.1 0.99+0.01 371+£1.13
Correlation - 0.95 0.96 0.90 0.94 0.86 - -

Corr shows the average correlation for each person across features

Walking speed is average and standard deviation over 10 strides, PNO.: Participant number, H8¢: Hip angle at foot-strike(°), HB: Hip max extension angle (°), Ht: Hip
max extension time (s), HO¢: Hip max flexion angle(°), Ht: Hip max flexion time (s), RMSE: Root-mean-square-error of the calculated hip rotation trajectory relative to

the measured hip rotation trajectory

Table 5 Motion captured hip angle (average and standard
deviation) of development group walking at a self-paced speed

PNO HOps He, He:

1 27412 232406 287412
2 279+ 1.1 176+05 278415
3 302+14 39405 342414
4 292426 123£19 295+24
5 232+12 226+13 261408
6 175+10 250+23 166+22
7 404+30 127+33 349+48
8 307409 16+10 337420
9 243432 178+15 267+2.1
10 84+11 202+13 88+1.1
Mean 259417 15714 267420

PNO: Participant number; HB: Hip angle at foot-strike (°), HB: Hip max
extension angle (°), HB¢: Hip max flexion angle (°)

the measured and calculated hip trajectory for develop-
ment group was small (3.71 + 1.13°) relative to average hip
range of motion (44.05 +7.38°).

The mean and standard deviation of hip feature angles
for each participant in the development group are pro-
vided in Table 5.

On average, standard deviations were 1.7° at foot-
strike, 1.4° at max extension, and 2.0° at max flexion
(Table 5). The mean differences in Table 4 were compared
with the average standard deviation for each partici-
pant in Table 5. The algorithm calculated features were
at most 1° greater than the average standard deviations

for development group participants walking at self-paced
speed.

Testing group

The algorithm was applied to 2403 strides from the test-
ing group. The outcomes (Table 6) showed small dif-
ferences between measured and algorithm calculated
data. Similar to the development group results (Table 4),
mean hip max extension angle had the largest difference
(3.4+2.8°). The average RMSE comparison between par-
ticipants revealed that Participant 7 exhibited the great-
est deviation from the other participants in the testing
group while having the lowest correlation. All per-par-
ticipant correlations were above 0.94. Per-feature corre-
lation analysis demonstrated that the lowest correlation
was for HOg (0.79). The average RMSE of measured and
algorithm calculated hip trajectories in the testing group
was small (5.01+2.01°) compared to the hip range of
motion (43.42+8.18°), but larger than the development
group.

Measured hip features for the testing group are pro-
vided in Table 7. Although testing group participants
walked at a fixed speed, the hip feature standard devia-
tions were approximately 0.3° more than the develop-
ment group results. On average, hip feature standard
deviations for the testing group were 2.6° at foot-strike,
3.0° at max extension, and 1.8° at max flexion. The meas-
ured and calculated hip feature differences in Table 6
were compared with the mean hip feature standard
deviations in Table 7. Algorithm-calculated hip angle at
foot-strike (2.0°) and hip max flexion angle (1.9°) were
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Table 6 Testing group average per-feature differences and standard deviations for all participants, average correlation between
calculated and measured features, and average root-mean-squared-error between calculated and measured hip trajectories

PNO HO H6. Hte H6, Hte Corr RMSE

1 22+1.7 31422 0.1+00 24£16 0.1£0.0 0.97£0.01 3.94£093
2 23114 28+18 0.0£0.0 22+15 0.0+£0.1 0.96+0.01 3.71£0.82
3 22+14 23+15 00+0.0 20+1.1 02+00 0.95+0.01 523+0.65
4 1.7£13 31+23 0.1£0.0 19+1.1 0.0+£0.0 0.97£0.01 421+0.95
5 1.8£14 35+24 0.1£0.0 15+1.1 0.2+0.1 0.97+0.02 4524243
6 23+1.7 29+138 0.0£0.0 25420 0.0+£0.1 0.94+0.03 546+1.68
7 28+1.8 45+43 0.1£0.1 18+14 03+04 0.90+£0.09 7.33+4.35
8 14+13 28+1.8 0.0£0.0 14£13 0.0+0.0 0.95£0.02 4.80+0.99
9 1.6+£1.0 34+£26 0.0£0.0 1.5+1.1 0.1+£00 0.92+0.02 5.89+0.66
10 21421 3.1£39 0.1£0.0 20+13 0.1+£00 0.98+0.01 4.63+0.88
Mean 20+16 34428 0.1£0.1 19+£14 0.1+£0.2 0.95+£0.04 501£201
Correlation 0.88 0.79 0.95 091 091 - -

Corr shows the average correlation for each person across features

PNO.: Participant number; HB¢¢: Hip angle at foot-strike (°); HB: Hip max extension angle (°); Htg: Hip max extension time (s), H6g: Hip max flexion angle (°); Htg: Hip
max flexion time (s); RMSE: Root-mean-square-error of the calculated hip rotation trajectory relative to the measured hip rotation trajectory

within the standard deviations for each feature. However,
hip max extension angle difference was overestimated by
1.2°.

Discussion

In this research, we investigated pelvic movements of
transfemoral amputees and developed a viable algorithm
for calculating hip angles based on pelvic motion and
stance time. With the introduction of powered prosthetic
joints, the limitations of existing prostheses are mitigated
by transferring a large amount of the mechanical work
to the actuator, reducing the reliance on the user’s physi-
cal capabilities to operate the prosthesis [8, 39]. Since

Table 7 Motion captured hip angle (average and standard
deviation) of testing group

PNO HO¢s HO; He;

1 345+33 47418 371429
2 234417 51+19 279427
3 261431 103+18 280422
4 313418 93+26 373422
5 248+20 109418 328419
6 209+29 76422 410432
7 243418 46416 274+23
8 267+19 95422 326419
9 304420 72434 320+18
10 347426 159430 386424
Mean 286+23 85422 335423

PNO.: Participant number; HB¢s: Hip angle at foot-strike (°), HBg: Hip max
extension angle (°); H8;: Hip max flexion angle (°)

only the pelvis segment is available for user control of a
motorized hip joint, a new approach is required to con-
vert pelvic motion (system input) into a hip angular map
for a gait controller to follow. The approach proposed in
this research addresses this need.

The newly developed algorithm requires only three fea-
tures (pelvic tilt angle at foot strike, timing of pelvic rota-
tion angular velocity zero-crossing in early stance, and
timing of pelvic tilt angular velocity first zero crossing
in midstance) and stance time data for hip angle calcu-
lation. After pelvic angle analysis, pelvic tilt and rotation
exhibited common behaviours among most people in the
development and testing groups and hence could be used
for hip angle calculation. Pelvic angle features that corre-
lated well with the hip angle features were then extracted
for algorithm development.

Pelvic obliquity varied greatly between strides in both
groups and although some common features were found,
none were viable features for a motorized hip prosthetic
control system. Although the pelvic tilt zero-crossing
feature (PT,-) was common among all persons in both
groups, pelvic tilt of participant 7 in the testing group
tended to be irregular relative to other people, even
though there was no gait pathology observed during data
acquisition. This irregularity resulted in many pelvic fea-
ture detection errors. Adequate gait training is required
to avoid pelvic motions leading to pelvic feature or hip
angle errors.

Model output from both development and testing
datasets had very high correlations between motion cap-
ture and algorithm calculated data (R=0.99 for devel-
opment group and R=0.95 for testing group). The high
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correlations indicated that the assumed three-period hip
angle model (Fig. 1) closely matched typical hip angles
trends for transfemoral amputees. The low RMSE hip
trajectory indicated that the calculated temporal and
special features closely matched the measured data. The
lowest correlation observed in the testing group results
in Table 6 belonged to HO; (0.79) and was likely due to
compensatory kinematic adjustments of participants to
maintain a consistent speed while walking on a fixed-
speed treadmill [40].

Motion capture and algorithm-calculated hip angle
features had small differences for all testing and devel-
opment group participants. The largest difference was
hip max extension angle for the development group
(2.4£1.8°) and hip max extension angle for the testing
group (3.4 +2.8°). Furthermore, the temporal hip feature
differences (hip max extension time, max flexion time)
were close to zero, indicating that the algorithm can
accurately calculate temporal hip features. Comparing
the differences with standard deviations of both datasets
showed that only the calculated hip max extension angle
exceeded the participant’s typical standard deviation (by
1° for development group and by 1.2° for testing group).
All other hip feature differences between calculated and
measured values were within the measured standard
deviations. We hypothesize that, in practice, exceeding
the typical hip angles by 1.2° should not substantially
affect an active hip prosthesis user’s stability or comfort.
However, further testing with a prototype prosthesis is
necessary to assess the effect of the hip angle algorithm
on mobility.

Analysis of development and testing group data showed
that hip max extension and hip max flexion angles during
the gait cycle tended to vary slightly in a unique range for
each person. Thus, each participant’s hip max extension
and flexion angles averaged over all strides were used as
input constants for each participant in this study (Fig. 5).
As a person walks, hip max extension and flexion angles
remain consistent or vary slightly within a limited range,
even with changes in walking speed. It is important to
note that per-person unique constants were determined
because people in both groups walked at speeds between
0.4 m/s to 1.5 m/s; therefore, an additional analysis could
be required for people with preferred walking speeds out-
side this range. When the algorithm is used in practice
for a powered hip control system, the clinician respon-
sible for prosthetic fitting should adjust the hip max
extension angle and hip max flexion angle constants to
accommodate the user. These parameters would then be
entered into the system as unique per-person constants.

Our feature and event-based approach has two key
advantages over the echo controller approach proposed
by Ueyama et al. [8]: our approach allows for gait speed
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adaptation, and also enables real-time control. These
benefits are particularly valuable for prosthetic users who
need to operate their prosthesis in environments where
steady-state gait is not feasible. Echo controllers rely on
the motion of the intact limb to determine joint trajec-
tory and gait speed, which means it will take twice as
long and require twice the distance to change gait speed
[41]. By contrast, our proposed feature and event-based
trajectory adjustment approach continuously adjusts the
temporal and spatial aspects of hip kinematics in real-
time, based on the user’s response, which can be detected
by moving the pelvis, applying foot-strike, and perform-
ing foot-off. This means prosthetic users can adjust their
gait speed in real time without relying on the intact limb.
Consequently, prosthetic users will be better equipped
to navigate confined spaces or crowded environments
where repeated and rapid speed adjustments are neces-
sary. A desirable microprocessor-controlled prosthesis
should seamlessly integrate all sensors within the pros-
thesis, allowing the user to simply charge and wear the
device. However, most prostheses with echo control-
ler integration are dependent on sensors located on the
intact side and have not garnered positive feedback from
users [9].

While we utilized correlation analysis to identify
the relationship between pelvic motions and sagittal
hip angles, the calculated hip rotation velocities based
on these correlations were linear for all three periods
(Fig. 1). Finite state impedance controller (virtual springs
and dampers between thighs and pelvis) and virtual
holonomic constraints can introduce angular velocity
non-linearities that more closely resemble the biological
kinematics [17, 34, 42]. Therefore, for future studies on
active HKAF prosthesis control strategies, integration
of finite state impedance controller or virtual holonomic
constraints, in addition to our algorithm may be neces-
sary to achieve appropriate hip kinematics. Additionally,
bio signal analysis tools, such as wavelet analysis [43], and
biomechanical pattern recognition approaches, such as
machine learning and state estimation [44], could poten-
tially be used to identify more pelvic motion features for
a more accurate hip trajectory predication.

This research used gold-standard 3D motion capture
data for pelvic kinematics measurements [45]. However,
wearable systems such as lower limb prosthetics need
integrated measurement technology to provide real-
time input for prosthesis control. Recent studies have
investigated the feasibility of using inertial measurement
units (IMUs) to measure lower extremity kinematics [46,
47]. In a study by Berner et al. [46], multiple IMUs were
used to measure the kinematics of different body seg-
ments with high accuracy. In another study, researchers
accurately measured pelvic kinematics of an able-body
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participant by utilizing a single IMU mounted to the
lower back [47]. In theory, the required pelvic motion
input data for the developed algorithm could be provided
by an IMU integrated into the socket connection compo-
nent (i.e., IMU moves with the socket, which is attached
to the pelvis, to provide pelvis kinematics) and a load-
cell in the joint to measure applied forces such as at foot
strike.

Considering the greater reliance of HD amputees on
pelvic and trunk motions, further algorithm tuning of
the pelvis feature detection and hip angle calculation
algorithm are anticipated to optimize the prosthesis gait
controller. By utilizing powered and intelligent hip joints,
gait in people with an HD amputation could be improved
to a level similar to people with transfemoral amputation.
As powered hip prostheses become more widely avail-
able, new gait data could be collected with HD partici-
pants and used to improve the algorithm.

Ultimately, the algorithm proposed in this research is
an important step towards creating a powered hip pros-
thesis controller that enables more efficient movement in
the person’s chosen environment, all with less strain on
the lower back and less effort.

Limitations

The testing group people walked on a treadmill at fixed
speeds that were different than the development group.
Furthermore, all gait cycle data used in this study were
at a steady state. Therefore, it is possible that steady state
walking reduced the natural gait variation and thus con-
tributed to the high accuracy of our algorithm.

Conclusion

A viable algorithm was developed and evaluated to calcu-
late hip angles throughout the gait cycle using only pelvis
angles and stance time data. This new hip angle calcula-
tion method lays the groundwork for the future devel-
opment of an intelligent powered hip prosthesis control
system since it permits the use of measurable pelvic data
to generate hip data as user input for a person’s HKAF
prosthesis. Based on our gait kinematics and gait event
time analysis, hip angle calculations would require sen-
sors in the prosthesis capable of detecting pelvic kine-
matics and stance phase.

Abbreviations

HD Hip disarticulation
TF Transfemoral
HKAF  Hip-Knee-Ankle-Foot

RMSE  Root-mean-square-error

HO¢s Hip angle at foot-strike instant
HE¢ Maximum hip extension angle
HE; Maximum hip flexion angle
HTe Maximum hip extension time

Ht: Maximum hip flexion time
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i@g Hip max extension angle constant

HOp  Hip max flexion angle constant

PTO Pelvic tilt angle at foot strike

PRsc Timing of pelvic rotation angular velocity zero-crossing

AH Hip rotation angle range of motion during pelvic rotation angular
velocity zero-crossing

PTyc Pelvic tilt angular velocity first zero crossing

Ts Stance time

PNO Participant number

Corr Pearson correlation
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