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Abstract 

Hip disarticulation (HD) amputation involves the removal of the entire lower limb and the hip joint, 

adversely affecting mobility and quality of life. Depending on their physical condition and life goals, some 

people with amputation are prescribed a hip-knee-ankle-foot (HKAF) prostheses to regain mobility. 

However, HKAF prostheses are known to have a high rejection rate compared to transfemoral and 

transtibial prostheses, primarily due to their excessive energy demands and the physical fitness required for 

effective use. Despite advancements in motorized prosthetic joints for the knee and ankle, innovation for 

HKAF prostheses has stagnated. This thesis addresses this gap by developing and evaluating adaptive 

control strategies for a motorized HKAF prosthesis to enhance mobility for HD amputees. 

Based on preliminary mechanical development of the first viable motorized hip joint (Power Hip), this 

thesis developed and refined the electronics, sensors, and control system to enable people with hip level 

amputations to walk, sit, and stand. A prototype Powered Hip prosthesis was tested against a conventional 

passive prosthesis (Otto Bock Helix hip, C-Leg knee, Terion K2 foot) in a single HD participant. The Theia 

Markerless motion analysis system and Visual3D were used for kinematic and kinetic analyses. During 

walking, the Power Hip reduced pelvic tilt range from 22.77° ± 5.76° to 6.72° ± 1.49°, minimizing 

compensatory pelvic movements. Hip extension range improved from -0.22° ± 0.77° to -7.04° ± 2.85°, 

enabling a more natural stride by stabilizing the hip throughout the gait cycle. During sit-to-stand, ground 

reaction forces (GRF) on the prosthetic side increased from 0.30 ± 0.67 N/kg to 2.69 ± 0.34 N/kg, while 

stand-to-sit GRF rose from 4.28 ± 1.00 N/kg to 5.37 ± 0.52 N/kg. These enhancements improved load 

distribution, reducing intact-limb forces and aligning kinetic profiles more closely with transfemoral 

amputee patterns. 

By achieving movement biomechanics comparable to transfemoral prosthesis users, this research 

reimagined what HKAF prostheses can achieve. This research lays the foundation for a new generation of 

user-friendly prosthesis that prioritize mobility, independence, and quality of life for people with hip-level 

amputations.  
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Chapter 1: Introduction 

1.1 Background 

Lower extremity amputation is a surgical procedure that removes partial or major segments of 

lower limbs, hindering the person’s ability to walk [1, 2]. Lower limb amputations include ankle 

disarticulation (AD), transtibial amputation (TT), transfemoral amputation (TF), hip disarticulation 

(HD), and hemipelvectomy (HP) [3]. HD and HP are the most extreme types of lower limb 

amputation and are achieved by complete removal of the foot, shank, thigh, hip joint, and a portion 

of the pelvis [4].   

Compared to other lower-level amputations, people with HD or HP often have a much higher 

degree of disability [5]. The lack of neuromuscular control can make the rehabilitation and 

prosthetic fitting process difficult, especially for the elderly [5]. Due to major lower extremity 

muscle removal, the extent of HD amputee control over their Hip-Knee-Ankle-Foot (HKAF) 

prosthesis is often limited to the pelvis and lumbar spine motion. Therefore, HKAF prosthetic users 

must expend much greater energy (>80%) to ambulate, climb stairs, or stand up from a chair when 

compared to other lower-level prosthetic users and able-bodied individuals [6]. In addition, before 

complications that lead to amputation, people with HD and HP amputations often have malignant 

tumours, ischemia, diabetes, or severe infections that adversely affect their health and physical 

fitness, further affecting their ability to operate a prosthesis [4, 6, 7]. 

Over the years, various fitting processes and prostheses have been introduced to help people 

with HD and HP regain their ability to walk [5]. Ottobock Helix3D is the most advanced hip joint 

for HD and HP currently available [8]. Paired with a microprocessor-controlled prosthetic knee, 

the passive Helix3D provides hydraulic control of hip flexion during swing and some control during 

stance [9]. Compared to existing hip prostheses in the market, which are all passive joints, Helix3D 

prostheses have greater hip angle extension to flexion range and reduced sagittal pelvic tilt required 

to swing the hip [10].  

Despite these advancements, Helix3D users exhibit significant functional limitations relative 

to other lower-limb amputees and able-bodied individuals [10-12]. These include heightened 

metabolic demands during ambulation, reduced endurance for long-distance walking, challenges 

navigating sloped surfaces, and restricted hip range of motion, culminating in abbreviated stride 

lengths and slower gait velocities. Furthermore, the prosthesis offers no functional support during 

sit-to-stand or stand-to-sit transitions, necessitating complete reliance on the intact limb [13]. 



 

2 

 

1.2 Motivation 

People with HD or HP amputations require greater physical fitness levels to use a prosthesis and 

have limited prosthetic options, which can often lead to prosthesis rejection [14]. However, new 

studies inspired by recent advancements in prosthetic actuation technologies are emerging to 

address limitations of hip prostheses by replacing hydraulic and mechanical prosthetic joints with 

active actuators [15-17]. Unlike fully mechanical (passive) or microprocessor controller dampening 

(semi-active) prostheses, motorized (active) prostheses can reduce the physical demand required to 

operate prostheses by providing the necessary joint torque for stable walking [18]. 

Although the active prosthesis research field is yet to mature fully, early studies demonstrated 

that, despite the added weight, active transfemoral prostheses have significant advantages over 

passive and semi-passive prostheses [19-21]. These advantages include fewer falls and stumble 

recovery [19], more symmetrical loading during ascending and descending ramps and stairs [20], 

and improved walking biomechanics that closely resembles able-bodied biomechanics [21, 22]. 

Even though both semi-active and active knee prostheses are controlled by microcontrollers, unlike 

semi-active prostheses that operate on a net negative torque control principal, active prostheses 

operate by inducing both net negative and positive torque at the joint. Therefore, semi-active 

prosthesis control methods can not be directly applied to active prostheses [16].  

The control strategy is the method that enables prosthetic users to interact with and control the 

active prosthesis with consideration for their capabilities and limitations. A control strategy is 

implemented by software installed on a prosthetic microcontroller [23]. This software can monitor 

user and prosthesis states using real-time sensors and then process the needed joint actuation. As 

prosthetic and rehabilitation actuation technologies become more common, several studies have 

presented different control strategies for TF motorized prostheses and exoskeleton rehabilitation 

robotics [24-29]. However, despite the benefits of these advancements, a similar research trend is 

absent in the active hip prosthesis control field.  

The lack of robust control strategies for active hip prostheses has hindered both research 

advancements and the potential commercialization of these devices [30]. However, recently, a 

research team at the University of Ottawa developed a prototype motorized HKAF prosthesis, 

which underwent initial testing to validate its design integrity [31, 32]. Building on this foundation, 

the research in this thesis focused on developing user-friendly control strategies, conducting 

structured experiments with HD participants, and quantifying the performance of the motorized hip 

joint. This research seeks to assess the viability and potential of motorized HKAF prostheses as a 
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practical alternative to passive designs, paving the way for improved mobility solutions for HD 

amputees. 

1.3 Objectives 

The objectives of this thesis were to develop and assess motorized HKAF prosthesis control 

strategies to assist HD amputees walk, sit, and stand. These specific objectives are as follows: 

1. Develop a motorized HKAF prosthesis control strategy for gait initiation, termination, and 

level walking.  

2. Develop a motorized HKAF control strategy for sit-to-stand and stand-to-sit transitions. 

3. Quantify prototype and control strategy performance by comparing walking with the 

prototype to walking with the participant’s prescribed mechanical HKAF prosthesis.  

4. Quantify chair sitting and standing performance by comparing prototype performance to 

the performance of the participant’s prescribed mechanical HKAF prosthesis. 

1.4 Contributions 

1. Identification of pelvic movement patterns as predictive factors for hip kinematics: 

This research established that specific pelvic movement patterns significantly correlate 

with hip kinematics during gait. These patterns were validated as predictive factors for 

desired hip motion, offering a novel biomechanical framework to enhance predictive 

modeling in prosthetic control systems. 

2. Development of the first viable motorized HKAF control system for HD amputees: 

The thesis presents the first series of functional control systems enabling individuals with 

hip disarticulation to achieve seamless ambulation, sitting, and standing transitions using a 

motorized HKAF prosthesis. Biomechanical analysis combined with qualitative participant 

feedback demonstrated reduced compensatory upper-body movements and improved 

locomotor efficiency. 

3. Creation of a clinician-focused software platform for Power Hip configuration: A 

novel software interface was engineered to enable clinicians and rehabilitation engineers 

to visualize real-time prosthesis sensor data, streamline device setup, and personalize 

control parameters for powered hip users.  
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1.5 Thesis outline 

The thesis is organized as follows: 

• Chapter 2 presents a literature review of existing methods for gait biomechanics analysis and 

relevant research on control strategies for active lower extremity prostheses. 

• Chapter 3 details the development of the Power Hip prototype, instrumentation, and back-end 

software architecture. 

• Chapter 4 adapted from the published journal article “A pelvic kinematic approach for 

calculating hip angles for active hip disarticulation prosthesis control”, introduces a model to 

estimate prosthetic hip rotation trajectories using pelvic movement data and ground reaction 

forces. 

• Chapter 5 adapted from the submitted publication “Design and preliminary evaluation of a gait 

control strategy for hip-knee-ankle-foot prosthesis with motorized hip joint,” describes the gait 

control strategy algorithm developed for the Power Hip prototype. This chapter evaluates the 

algorithm’s ability to adapt to user-desired gait speeds by comparing kinematic outcomes to 

those of TF amputees. 

• Chapter 6 adapted from the to-be submitted publication “Comparison of hip-disarticulation 

prosthesis gait between conventional and motorized hip joints,” quantifies performance 

differences between the Power Hip and conventional hip-knee-ankle-foot (HKAF) prostheses 

using gait laboratory functional tests. 

• Chapter 7 adapted from the to-be submitted publication “Design and evaluation of stand-to-sit 

and sit-to-stand control protocols for a hip-knee-ankle-foot prosthesis with a motorized hip 

joint,” presents control strategies for sit-to-stand and stand-to-sit transitions. A comparative 

study evaluates performance differences between the Power Hip and a conventional HKAF 

prosthesis during these movements. 

• Chapter 8 concluded the thesis by summarizing its contributions and discussing potential 

directions for future research. 
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Chapter 2: Literature review 

2.1 Hip disarticulation prostheses  

A hip disarticulation prosthesis is a type of lower extremity prosthesis used by people with 

amputation at the hip joint level and is comprised of a prosthetic hip, knee, ankle and foot. These 

prostheses are often referred to as HD or HKAF prostheses [33]. The history of modern HD 

prostheses can be traced back to the early 20th century. The saucer-type (Fig. 2.1A) and tilting table 

prostheses (Fig. 2.1B) were eventually replaced due to poor stability and functionality [34]. These 

designs consisted of a rigid socket that encased the pelvis and a single-axis hip joint that allowed 

only flexion and extension movements. 

In 1954, McLaurin published his first report on the Canadian hip disarticulation prosthesis. 

This design featured a prosthetic hip joint mounted anteriorly on the socket and below the level of 

the anatomical hip joint (Fig. 2.1C) [34]. Compared to existing prostheses at the time, this design 

improved gait biomechanics by improving overall gait stability and functional reliability [35]. Since 

then, various modifications and improvements have been made, such as adding a shoulder strap for 

suspension, using different types of feet and knee systems, adjusting the length and alignment of 

the prosthesis, and incorporating a hydraulic damper for better control [5].  

Despite these advances, hip disarticulation prostheses still face challenges and limitations 

regarding user comfort, mobility, appearance, cost, and acceptance [35]. Some common problems 

reported by HD users are skin irritation, exhaustion after short walking sessions, limited range of 

motion, and high cost [14]. These factors affect the quality of life and psychological well-being of 

HD users and may lead to low prosthesis use or abandonment [35]. Therefore, further research and 

development are needed to address these issues and provide better solutions for HD users. 

 

Fig. 2.1 Evolution of hip disarticulation prostheses, A: saucer-type prosthesis, B: Tilting-table 

prosthesis, C: Canadian-type hip prosthesis [34]. 
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2.1.1 Canadian type hip prosthesis components  

Canadian type hip prosthesis components are similar to other lower limb prostheses but may vary 

depending on the amputation level and user needs. Generally, they include a socket, hip joint pylon, 

knee joint, and foot system. In addition, other optional components such as offsets, adapters, liners, 

vacuum pumps, etc., may enhance prosthesis fit, function, or appearance (Fig. 2.2) [33].  

 

Fig. 2.2 An example of a complete HKAF prosthesis (www.ottobock.com). 

The prosthetic socket is a plastic receptacle that fits over the residual limb and connects the 

body to the prosthetic components. The prosthetic hip joint is mounted anteriorly on the socket, 

allowing hip flexion and extension and level sitting. The pylon is a metal rod that connects the hip 

joint to the knee joint. The prosthetic knee joint allows knee flexion and extension. The prosthetic 

foot may be a solid ankle cushion heel, dynamic response foot, or other types, providing shock 

absorption, energy return, and stable standing.  

Prosthetic knee systems use passive (Fig. 2.3A), semi-passive (Fig. 2.3B), or active (Fig. 2.3C) 

control methods to simulate normal biological knee function for individuals with transfemoral 

amputation [36]. Prosthetic knee systems include single-axis, multi-axis, hydraulic, pneumatic and 

microprocessor-controlled designs. Each type has advantages and disadvantages regarding 

stability, mobility, cost and maintenance. However, with advancements in prosthetic and sensor 

technologies, microprocessor-controlled knee prostheses have overtaken the market due to their 

effective gait control adaptability, and design flexibility [8].  
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Fig. 2.3 Prosthetic knee joints, A: polycentric passive knee, B: microprocessor controlled adaptive 

dampening single axis knee (semi-passive), C: microprocessor controlled active (motorized) single 

axis knee (www.ossur.com). 

Unlike prosthetic knees, all commercially available hip joints are fully passive and have had 

slow technological advances compared to prostheses for lower levels of amputation. This is likely 

due to the combination of the following factors [33]:  

• Since walking with an HKAF prosthesis is energy-demanding, the prosthesis must be 

lightweight. However, the benefits of a more complex passive hip joint may not 

compensate for the additional weight and increased energy demand. 

• A very small number of people with lower limb amputations use HKAF prostheses, so 

there is minimal business incentive for expensive research and development. 

• Engineering the whole limb control strategy can be challenging compared to transfemoral 

prostheses. 

In the past, HD amputees were often fitted with simple single-axis hip joints to keep the overall 

prosthesis weight minimal (Fig. 2.4A). However, in 2008, Ottobock introduced a passive 4-bar 

linkage (polycentric) prosthetic hip joint equipped with passive hydraulics (Fig. 2.4B) [37]. 

Interestingly, despite the added weight, users felt more mobile and comfortable using the new hip 

joint than the Ottobock single axis 7E7 hip joint [10].  
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Fig. 2.4 Canadian type prosthetic hip joints, A: 7E7 single-axis hip joint, B: Helix 3D polycentric 

hip joint (shop.ottobock.ca). 

2.1.2 Canadian-type hip prosthetic alignment 

The Canadian-type Prosthesis Alignment System (CTPAS) is a commonly used approach for 

aligning HD prostheses. This system was first developed by Canadian prosthetist Robert LeBlanc 

in the early 1970s and has since become widely accepted for prosthetic alignment in Canada and 

elsewhere [5]. CTPAS provides amputees with a stable and functional prosthetic limb that closely 

mimics the motion and function of a natural hip joint. This is achieved by aligning the prosthetic 

components to distribute weight and provide a stable base of support for the amputee. 

The CTPAS approach involves several key considerations, including the following [33]: 

• Socket alignment: The prosthetist begins by aligning the prosthetic socket with the 

amputee’s pelvis. This is done by ensuring the socket is level and aligned with the pelvis. 

• Thigh alignment: The prosthetic thigh pylon is aligned with the socket by adjusting the 

pylon length to match the intact thigh length. The angle is adjusted such that the projected 

line from the thigh pylon passes 25 to 50 mm behind the prosthetic foot (Fig. 2.5). 

• Knee alignment: After prosthetic thigh alignment, the prosthetic knee is aligned parallel to 

the intact knee and perpendicular to level ground.  
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Fig. 2.5 Canadian-type hip prosthesis alignment. 

2.2 Gait biomechanics 

Human gait is a cyclical activity achieved through complex interactions between body segments 

[38]. Systematic gait analysis segments gait behaviour into periods, tasks, and phases [39]. This 

approach has consistently been used in research and medicine to characterize gait dynamics and 

diagnose pathologies [38]. Ideal gait is divided into the cyclical stance and swing phases (Fig. 2.6). 

“Stance” is the phase during which the ipsilateral (the side of interest or observed) foot has contact 

with the ground (0 to ~60% of the gait cycle) and “swing” is the phase where the ipsilateral foot is 

in the air (~60% to 100% of the gait cycle [38]).  

 

Fig. 2.6 Gait cycle division [40]. 
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Stance phase is further divided into multiple sub-phases. Initial contact is the instance where 

the foot contacts the ground and initiates stance phase. Initial contact is followed by weight 

acceptance, when body weight transfers from the contralateral limb (opposite limb) to the ipsilateral 

limb (0 to ~8% of the gait cycle). Midstance is when the body progresses forward while only the 

ipsilateral limb has contact with the ground and the contralateral limb is swinging forward (~8% to 

~50% of the gait cycle). Stance phase is concluded during terminal stance where body weight is 

transferred from the ipsilateral to the contralateral  limb (~50% to ~60% of the gait cycle) [38, 41].   

Swing phase has three sub-phases: initial swing, mid-swing, and terminal swing. Initial swing 

is forward movement of the limb to reach the desired step length. Mid-swing is elevation of the 

foot to avoid contact with the ground or uneven terrain. Terminal swing is adjustment of limb 

posture and orientation to prepare for foot strike and weight acceptance [38, 41]. 

2.2.1 Motion capture technologies and methods 

Kinematic gait analysis is commonly performed using marker-based optical motion capture 

techniques [42]. However, in recent years, markerless motion capture technologies have become 

popular due to their convenience for  participants and researchers since minimal preparations are 

needed prior to data collection and multiple people can be tracked simultaneously [43]. THEIA 3D 

is a markerless 3D motion capture system that provides high precision in tracking body segment 

movements, with robust applications in sports biomechanics, gait analysis, and clinical assessments 

[44]. Studies demonstrated its reliability in identifying key kinematic markers for postural 

pathology diagnosis and tracking complex and fast athletic movements [45, 46]. When compared 

with other markerless systems, such as OpenPose or DeepLabCut, THEIA 3D is gaining traction 

for its ease of use, adaptability, and provision of 3D data [47]. While open-source systems like 

OpenCap are also popular due to their accessibility, THEIA 3D's accuracy and specific use in 

clinical gait analysis and sports assessments make it a strong contender [48].  

Regardless of the motion capture technology used, transforming motion capture data into joint 

kinematics involves a structured pipeline that integrates biomechanical modelling and 

computational analysis. Initially, motion data is acquired through either marker-based systems like 

Vicon or markerless systems such as THEIA 3D. Marker-based systems use reflective markers 

placed on anatomical landmarks, while markerless systems rely on advanced AI algorithms to 

detect key points directly from video or depth sensor data (Fig. 2.7). 

After data acquisition, a biomechanical model is created, representing the human body as rigid 

segments connected by joints [49]. This model is scaled to match the person’s anthropometry using 
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calibration trials or anatomical measurements. Each marker or key point is assigned to a 

corresponding segment, laying the groundwork for trajectory reconstruction [50]. Smoothing 

filters, like Butterworth or Kalman filters, are applied to interpolate and clean any noisy data. Then 

inverse kinematics calculations are performed by optimizing the alignment between the observed 

marker or key point positions and the skeletal model [51]. A Joint Coordinate System (JCS) is 

defined for each joint, allowing for the calculation of relative joint orientations for degrees of 

freedom such as flexion/extension and rotation. The output includes joint angles, velocities, and 

accelerations, which are further validated against known benchmarks or gold-standard datasets. 

Markerless systems like THEIA 3D provide advantages by reducing setup time and 

eliminating the need for markers. However, they face challenges such as skin artifacts and noise, 

which can be mitigated using AI-driven models [46].  

 

Fig. 2.7 THEIA 3D markerless system at Carleton University Abilities Living Lab. A: Motion 

capture room, B: Pose estimation of normal gait captured by THEIA 3D (2023.1.0.3161) and 

visualized by Visual3D (version 2024.11.2), C: Pose estimation of sit-stance-sit transition capture 

by THEIA 3D and processed by Visual3D. 

2.2.2 Knee kinematics 

In able-bodied individuals (Fig. 2.8A), the knee flexes approximately 25° as the foot contacts the 

ground (start of double support) to absorb impact and then extends as body weight is transferred to 

the contralateral side [52]. During swing phase, the knee flexes (60° maximum) to allow the foot 

to clear the ground and then extends again to prepare for the next stance phase. As a result, knee 

flexion-extension can have two distinct peaks for each gait cycle.  

For TF and HD amputees, the prosthetic knee is designed to stay in extension during stance to 

provide stability and avoid knee collapse (Fig. 2.8B) [53]. As the prosthetic user approaches the 

end of stance phase, body weight is transferred from the prosthetic side to the intact side. Thus, the 

prosthetic knee flexion resistance is removed in preparation for the prosthetic foot to swing. Despite 

the difference in amputation level, knee angle curves of people with HD and TF amputations have 
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similar shapes (Fig. 2.8B and Fig. 2.8C). This similarity may be attributed to the use of similar 

prosthetic knee and foot components.  

 

Fig. 2.8 Knee kinematics during gait, A: able-bodied persons [52], B: TF amputee with passive and 

semi-passive prostheses [54], C: comparison of  able-bodied and HD amputees with 7E7 and Helix 

3D passive hip prostheses  [10] (Permission from Wolters Kluwer Health, Inc). 

2.2.3 Hip kinematics 

Similar to knee kinematic analysis, hip flexion/extension are typically analyzed since these are the 

primary hip movements during many functional activities such as walking [55]. However, hip 

kinematic analysis of activities that require active balancing, such as jumping, will also require 

analysis of abduction/adduction and internal/external rotation [56]. 

During stance, the hip joint extends, moving the body forward. Then, approaching 50 to 60% 

of the gait cycle, hip rotation direction changes from extension to flexion and continues flexing 

until the end of the gait cycle [55]. Comparing able-bodied (Fig. 2.9A) and TF (Fig. 2.9B) 

individuals, TF prosthetic users tended to have much faster hip flexion [57] as a compensatory 

effort to flex the prosthetic knee for proper prosthetic foot to ground clearance during swing. As a 

result, TF hip extension-to-flexion motion often coincides with prosthetic knee extension to flexion 

through chained kinematics (Fig. 2.8B and Fig. 2.9B) [57]. 

HD amputees exhibit reduced flexion and extension range of motion during gait compared to 

able-bodied and TF populations, partly due to prosthetic joint design considerations (Fig. 2.9C) 

[58, 59]. Since commercially available hip prosthesis systems are passive, hip extension is 

purposefully limited by design to keep the load line behind the hip joint centre of rotation 
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throughout the gait cycle. This restriction would enable the HKAF prosthesis user to swing the 

prosthesis forward during stance by performing a forward pelvic tilt (Fig. 2.9D) or circumduction.  

 

Fig. 2.9 Hip kinematics during gait, A: able-bodied persons [52], B: TF amputees with passive and 

semi-passive prostheses [54], C: comparison of able-bodied and HD people with 7E7 and Helix 3D 

passive hip prostheses [10] (Permission from Wolters Kluwer Health, Inc), D: Canadian-type hip 

prosthesis extension stop and knee lock at the end of the stance phase [60]. 



 

14 

 

2.2.4 Pelvis kinematics  

Pelvic kinematics analysis is commonly performed on HKAF prosthetic users since the loss of 

major lower extremity muscles can result in compensatory movements, leading to altered pelvic 

kinematics [61]. As shown in Fig. 2.10, HD prosthesis users typically exhibit exaggerated pelvic 

tilt (pelvic motion in the sagittal plane) during gait compared to TF prosthesis users. This is due to 

their reliance on pelvic tilt to move the prosthesis [56, 58]. Additionally, hip disarticulation 

prosthesis users may exhibit a wider base of support during stance, which can lead to increased 

pelvic obliquity angle (frontal plane pelvic motion in the) on the prosthetic side [58, 62].  

In HKAF prosthetic users, the prosthetic knee remains at maximum extension (Fig. 2.8C) 

during stance. Therefore, hip extension and forward progression are achieved by tilting the 

prosthesis backward (anterior tilt) and allowing the body to fall forward due to forward momentum 

[63]. The prosthetic hip joint is designed to approach the extension stop at 10 to 15% of the gait 

cycle (approximately 10° of extension) [10]. Thus, further hip extension during stance phase is only 

achievable via anterior pelvic tilt (Fig. 2.11). 

Early swing is controlled by a higher-velocity pelvic forward tilt (posterior tilt) that leads to 

prosthetic hip and knee flexion for foot clearance. Since flexion is controlled by pelvic tilt in passive 

hip prostheses, prosthetic hip flexion always occurs after posterior pelvic tilt (Fig. 2.9). During 

mid-swing, higher-velocity anterior pelvic tilt is performed to slow hip flexion, which leads to knee 

extension in preparation for the next foot strike [63]. Prosthetic knee full extension before foot-

strike (initial contact) is essential to avoid knee collapse due to foot-ground impact.  

 

Fig. 2.10 Pelvic tilt kinematics, A: comparison of able-bodied persons (gray line) and TF prosthetic 

users (black line) [64] (Permission from Elsevier) , B: comparison of able-bodied and HD persons 

with 7E7 and Helix 3D passive hip prostheses [10] (Permission from Wolters Kluwer Health, Inc). 
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Fig. 2.11 Contribution of HD amputee’s pelvic anterior tilt during stance. At heel contact, the 

prosthetic knee is in full extension while the hip joint is at maximum flexion. Since the body has 

forward momentum, the prosthetic hip joint extends until mid-stance. Approaching mid-stance, the 

hip reaches the physical extension stop and cannot extend further [60]. 

2.2.5 Gait symmetry  

Gait symmetry is the degree of coordination and balance between movements of the left and right 

sides of the body during walking or running [55]. This is a key aspect of human locomotion and is 

essential in maintaining stability and reducing fall risk [65]. However, lower extremity amputees 

often have mild to moderate gait asymmetry. This results in further reliance on their intact side and 

remaining residual limb [66]. The overreliance on intact limbs often leads to shorter stance phase 

duration, smaller range of motion, and lower ground reaction force on the prosthetic side [65]. 

Since an active prosthesis can provide partial or full net-positive moments needed for actuation, in 

theory, a well-built active prosthesis should restore gait symmetry by reducing the prosthetic user’s 

reliance on their intact limb [67].  

Wolf et al. [20] conducted a study comparing walking biomechanics between the Ossur power 

knee (active) and semi-passive Ottobock C-leg. The study found that while ascending a ramp, 

people with the power knee tended to take smaller steps (0.52±0.09 m) compared to the C-leg group 

(0.61±0.08 m). The shorter step length with the power knee was likely a compensation effort to 

reduce loading on the intact limb, improving walking efficiency. Kinetic analysis showed that, 
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during ramp ascent, power knee users generated significantly lower peak hip power on their intact 

side (1.9±0.8 W/kg) compared to participants with the C-leg (2.3±0.8 W/kg). 

People using HKAF prostheses have more gait asymmetry compared to able-bodied people or 

TF prosthesis users [59]. This is expected since HD amputees lack a hip joint and moment-

generating capacity [10]. A case study with an Ottobock Helix 3D prosthetic user evaluated and 

compared gait dynamics between the prosthetic side and intact side [68]. The study found that the 

participant tended to have a much lower hip and knee range of motion on the prosthetic side relative 

to the intact side (approximately 10° less). This resulted in shorter steps on the prosthetic side 

compared to the intact side. Similarly, the person spent much longer in stance phase on the intact 

side (72% of the gait cycle) compared to the prosthetic side (57% of the gait cycle).  

2.2.6 Gait variability 

Gait variability is an individual’s gait pattern variation over time. This variation can be affected by 

changes in walking speed, surface incline, and environmental conditions [69]. Gait variability can 

be further influenced by the type and fit of prosthetic devices [70]. The temporal and spatial aspects 

of gait variability refer to the fluctuations in time and distance parameters that occur from one stride 

to another. Temporal parameters include cadence, speed, stride frequency, single limb support 

duration and stride time. Spatial parameters include stride length, step width, and lower extremity 

joint angles [71]. Temporal and spatial gait variability are directly correlated with energy 

expenditure and walking efficiency [72, 73]. When adults walk at 1 Hz (1.25 m/s), the metabolic 

energy expenditure is kept at a minimum and the least amount of gait variability is observed [74]. 

However, due to external factors (such as terrain type) and internal factors (such as muscle fatigue), 

maintaining a 1 Hz stride frequency is not always possible [69].  

Danion et al. [74] conducted a study on able-bodied individuals to determine how gait 

variability could be influenced by spatial and temporal parameters. Changes in gait speed were 

more significantly influenced by stride length rather than stride frequency, meaning that temporal 

aspects of gait had minor fluctuations during walking compared to spatial aspects such as hip range 

of motion. However, these results were inconsistent with those of TF amputees. Fakoorian et al. 

[75] found that as TF amputee walking speed increased from 0.75 m/s (slow walking) to 1.25 m/s 

(fast walking), the magnitude of gait variation in both temporal and spatial aspects also increased. 

The increase in spatial aspects of gait variability is likely a strategy to ensure adequate foot 

clearance during swing phase [76].  
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2.3 Biomechanics of sit-stand-sit transitions 

Sit-to-stand and stand-to-sit transitions are among the most mechanically demanding functional 

tasks in daily life, requiring coordination of trunk and lower limb movements. These transitions are 

essential for maintaining independence and can be challenging for individuals with amputations 

and mobility impairments. Shojaei et al. [77] noted that these activities require complex muscle 

activation and spinal loading, particularly in individuals with unilateral TF amputations. The 

inability to perform these transitions can lead to considerable limitations, where many individuals 

remained chair-bound without appropriate interventions [78, 79].  

According to the literature, two factors predominantly affect successful sitting and standing: 

task execution timing and center of mass (COM) dynamics. The timing of trunk and lower limb 

movements is critical for sit-to-stand and stand-to-sit transitions. Prolonged durations of these 

movements in individuals with amputations have been associated with an increased risk of falls 

due to a reduced base of support [80]. Furthermore, limited torque generation at the hip and knee 

exacerbates these difficulties [81].  

Maintaining stability during sitting or standing also depends on COM movement. Pai et al. 

[82] described the COM trajectory during sit-to-stand as an initial horizontal phase of mass transfer 

followed by a vertical ascent (Fig. 2.12). Conversely, a similar but inverted trend was observed 

during stand-to-sit. This movement requires lower limb coordination to ensure stability within the 

base of support [81].  

 

Fig. 2.12 COM trajectory of healthy participants during sit-to-stand at different speeds. The COM 

trajectory is divided into a horizontal movement phase and vertical movement phase [82] 

(permission from Wolters Kluwer Health, Inc.). 
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2.3.1 Hip joint dynamics 

As illustrated in Fig. 2.13, the hip actively extends during sit-to-stand, contributing to the forward 

momentum necessary to elevate the body. This motion is characterized by a peak hip extension 

moment during the initial lift-off phase, which is critical for generating the vertical force required 

to counteract body weight. Conversely, during stand-to-sit, the hip performs controlled flexion to 

decelerate the descent. Eccentric activation of the hip flexors during this phase ensures a smooth 

and controlled lowering of the body, thereby mitigating abrupt impact on the seat [83]. 

 

Fig. 2.13 Sagittal hip joint angle during sit-to-stand and stand-to-sit [84]. 

2.3.2 Knee joint dynamics 

The knee joint experiences considerable mechanical load during both sit-to-stand and stand-to-sit. 

Acting as a fulcrum during the rising phase of sit-to-stand, the knee supports the body’s progression 

from a forward lean to an upright position. As shown in Fig. 2.14, a noticeable knee extension 

moment is generated, particularly during the mid-phase of sit-to-stand as the body transitions to 

vertical alignment [85]. During this movement, the knee extension moment increases steadily, 

reaching its peak when the thighs lift off the seat. In stand-to-sit, the thigh muscles eccentric 

contraction moderate’s descent, ensuring controlled lowering and reducing abrupt impact. 
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Fig. 2.14 Sagittal knee angle and moment during sit-to-stand and stand-to-sit [84]. 

2.3.3 Trunk dynamics 

The trunk serves as a counterbalance to regulate COM location. During sit-to-stand, the trunk shifts 

forward to minimize the moment arm between the hip and the center of gravity, facilitating lift-off  

[86]. This forward leaning also directly influences COM horizontal movement, aiding in the 

transition from a seated to a standing position (Fig. 2.12). In contrast, during stand-to-sit, the trunk 

adopts a backward lean to help control the body’s descent, with the backward lean similarly 

affecting the COM horizontal trajectory. 
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In early sit-to-stand, trunk flexion angles increase to generate the momentum required for the 

transition, reaching their maximum just before lift-off. This forward lean is essential for 

overcoming inertia and initiating movement. However, excessive or insufficient trunk flexion can 

compromise efficiency, placing additional demands on the lower limb joints for stability and 

propulsion. In older adults, compensatory strategies such as pronounced forward trunk lean are 

often observed due to the reduced strength in the hip and knee extensors [87]. 

2.3.4 Prosthetic user limitations 

Prosthetic users face distinct challenges during sit-to-stand and stand-to-sit, largely due to the 

mechanical constraints of prostheses and joint asymmetry. TF amputees exhibit greater joint 

moment asymmetry than able-bodied individuals, relying heavily on momentum transfer by trunk 

forward leaning and stabilization strategies to compensate for the lack of knee functionality [88]. 

During sit-to-stand, the progressive resistance of prosthetic knee joints often hinders movement, 

requiring users to actively pull the knee into extension to complete the task. This reliance on 

compensatory mechanisms places increased demands on the hip joint, which has been identified as 

a primary contributor to increased COM horizontal movement [79]. 

Emerging technologies offer potential solutions for improving the biomechanics of sit-to-stand 

and stand-to-sit for prosthetic users. Ann et al. [89] compared powered knee-ankle prostheses with 

traditional passive prostheses, focusing on sit-to-stand and stand-to-sit. Powered prostheses 

demonstrated superior weight-bearing symmetry, allowing users to distribute weight more evenly 

between limbs and reducing reliance on the intact limb. The dynamic active control strategy in 

powered devices enabled precise moment generation at the knee and ankle, improving force 

production and balance during transitions. Stand-to-sit movements were smoother, with better 

deceleration control, reducing the risk of abrupt seating. Although powered prostheses showed no 

significant differences in movement duration compared to passive devices, their improved 

symmetry and control may mitigate secondary physical issues and improve daily functional 

mobility for amputees. 

2.3.5 Phase-based standardization of sit-stand-sit  

The concept of phase-based standardization has been utilized to understand the biomechanical 

intricacies of sit-to-stand and stand-to-sit. This approach divides the tasks into four discrete phases 

of trunk forward lean, knee angular displacement, vertical displacement, and recovery. Each phase 

represents distinct biomechanical challenges, enabling researchers to target specific issues [90].  
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Welker et al. [91] and Schultz et al. [92] demonstrated the application of phase-based strategies 

in powered prosthetics and exoskeletons. Welker et al. used a data-driven phase control system to 

enhance sit-to-stand and stand-to-sit efficiency, while Schultz et al. employed phase-based 

electrical stimulation to improve trunk control during transitions.  

2.4 Active prosthesis control strategies  

The generalized control framework introduced by Tucker et al. [23](Fig. 2.15) describes 

interactions between user, device, and environment with a multi-level hierarchical controller. This 

hierarchical framework aims to provide a common language for describing different control 

strategies and to facilitate comparisons and improvements of existing and future active prostheses.  

The “device” provides actuation, sensing, and communication capabilities to replace the user’s 

impaired limb function. Depending on its design and functionality, the device can have different 

degrees of freedom (DOF), power sources, actuators, sensors, and communication interfaces. The 

“user” is the biological system interacting with the device through physical contact points (e.g., 

sockets or cuffs). The user can provide voluntary inputs to control the device through residual 

muscles or gestures. The user can also receive sensory feedback from the device through tactile, 

auditory, or visual modalities. The “environment” is the external system that influences the user 

and the device through physical interactions (e.g., ground reaction forces or obstacles) and social 

interactions (e.g., norms or expectations). The environment can be static (e.g., terrain type or slope) 

or dynamic (e.g., traffic or pedestrians). The environment can also be known (such as maps or 

landmarks) or unknown (e.g., new places or situations). 

 

Fig. 2.15 Generalized controller framework [23]. P/O: prosthetics and orthotics 
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The hierarchical controller is a software-programmable three-level framework that evaluates 

the user and environment inputs to calculate prosthetic compensatory actuation. The three levels 

are [93]: 

• High-level controller framework: A high-level controller determines the user’s overall 

goals and intentions and provides appropriate commands to the mid-level controller. For 

example, a high-level controller may detect the user’s current locomotion mode (walking, 

running, stair climbing, etc.) and then send corresponding signals to the mid-level 

controller for further processing. A high-level controller may also incorporate user 

feedback (e.g., voice commands, switches, etc.) and environmental information (e.g., 

terrain type, obstacles, etc.) to enhance performance. 

• Mid-level controller framework: A mid-level controller generates reference trajectories 

or desired outputs for the low-level controller based on commands from the high-level 

controller. For example, a mid-level controller may calculate the optimal joint angles or 

torques for each gait cycle phase-based on biomechanical models (rule based) or data-

driven methods (Artificial Intelligence based).  

• Low-level controller framework: A low-level controller drives the prosthetic actuators to 

follow the reference trajectories or desired outputs from the mid-level controller. For 

example, a low-level controller may use feedback control methods (e.g., proportional-

integral-derivative (PID) control) or feedforward control methods (e.g., model predictive 

control) to regulate the voltage or current applied to each prosthetic device motor. In 

addition, using fault detection and isolation methods, a low-level controller may also 

monitor and protect the hardware components from damage or malfunction. 

Over the years, with advancements in active prosthetic controls and designs, the generalized 

control strategy framework has been improved and established as a reliable approach for active 

knee and ankle prosthesis studies [22-24, 94, 95]. However, this approach has never been 

considered for active hip prosthesis development. As discussed in Section 2.1.1, since TF and HD 

amputees use the same types of prosthetic knees, their knee kinematics are in principle very similar. 

In theory, active hip joints that closely mimic the hip kinematics of TF prosthetic users could enable 

HKAF prosthetic users to achieve gait symmetry and variabilities comparable to TF amputees [16]. 

Artificial intelligence (AI) methods are often used in new studies to explore various controller 

strategies and to optimize prosthetic device performance. However, these methods have several 

drawbacks that limit their applicability and scalability in real-world scenarios [96, 97]. These 
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limitations are safety and reliability issues (lack of calculation transparency), high computational 

power consumption, and large training datasets needed to train such devices. Considering these 

limitations, and that no adequate databases exist for kinetics and kinematics for active HKAF 

prostheses to train an AI-based control strategy, this literature review excludes AI-based studies 

since they will not provide information that could be utilized for the thesis objectives. 

2.4.1 Sensors 

Sensors are utilized by a prosthesis to recognize the person's activity and detect the 

corresponding gait cycles [98]. Typically, multiple sensors are incorporated in a prosthesis, 

depending on the type of actuator and control strategy [98]. The most common sensor types are:  

• Force sensors measure ground reaction forces applied to the prosthesis during stance. 

These sensors are either embedded into the prosthesis or shoe insoles [99]. The control 

strategy utilizes force readings to determine gait phase transition instances and to estimate 

the relative center of mass location [100-102].  

• Position sensors are used for prosthetic actuator kinematics measurements. Regardless of 

the prosthetic hardware design or control strategy, all semi-passive and active prostheses 

are equipped with position sensors [98]. These sensors are typically optical or magnetic.  

• Inertial sensors measure limb absolute orientation to determine gait cycle subphases [103, 

104]. Control strategies primarily rely on these measurements to assess the user’s desired 

prosthetic state [23]. In recent years, solid-state inertial measurement unit (IMU) sensors 

have been used to determine 3D prosthesis orientation and limb segment angular velocity 

[98].  

• Electromyography (EMG) sensors detect electrical activity of muscle neuron cells. They 

are often used to control upper limb prostheses since they can measure the residual muscle 

activation location and intensity [51]. However, EMG sensors have not been widely applied 

to lower limb prostheses, and only a few recent studies have explored their feasibility [105]. 

These studies have shown that EMG sensors have limitations for lower limb prosthetic 

control, such as low signal quality, high variability, and poor robustness. Therefore, EMG 

sensors are currently less reliable than other sensor technologies for use with lower 

extremity prosthesis controls. 
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2.4.2 High-level controller framework: intention estimation 

Detection of semi-passive and active prosthetic user locomotion intent is often achieved through 

finite state machines (FSM) [106-109]. An FSM is a mathematical model consisting of a set of 

states, a set of input symbols, a set of output symbols, and state transition rules. For example, if a 

prosthetic user is seated, the initial state is sitting. Based on this initial state, the two possible state 

outputs are to remain seated or to stand up. Hence, the state transition rule will continuously 

measure the prosthetic sensor data and check if stand-up state transition conditions are met. Once 

sensor values exceed the state transition rule thresholds, the high-level controller will then assume 

that the person is ready to stand up and will request the mid-level controller to complete the state 

transition from sitting (initial state) to standing up (output state) [107]. 

Herr and Wilkenfeld [110] defined an FSM approach for a high-level prosthesis control 

strategy by dividing the gait cycle into 5 subphases (5 finite states), as shown in Fig. 2.16A. By 

analyzing biological knee kinematics during walking, they defined transition rules (pre-defined 

thresholds) to detect user intent to transition from one finite state to another. Later studies reduced 

the number of subphases to 4 finite states by combining states 4 and 5 (Fig. 2.16B) [111]. The 

parameters used to define finite state transition rules are dependent on the ground reaction force, 

residual limb angle, residual limb angular velocity relative to the prosthesis, and stride time [83]. 

 

Fig. 2.16 Finite state transitions of prosthetic knee gait cycle. State 1: initial double support (IDS). 

State 2: single support (SS). State 3: terminal double support (TDS). State 4: swing flexion (SWF). 

State 5: swing extension (SWE). GRF = ground reaction force, θ = residual limb angle, and 𝜃̇ = 

angular velocity relative to the prosthesis  [36]. BM: body mass, THS: threshold 
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2.4.2.1 Gait initiation and termination finite state machine 

Gait initiation (GI) and gait termination (GT) refer to the processes of starting and stopping the act 

of walking or running [38]. GI and GT transitions are achieved through anticipatory postural 

adjustments (APA) that can directly influence COM kinetics and kinematics and lower extremity 

joint motions [112, 113]. In TF prosthesis control strategy studies, GI and GT detections are 

achieved by measuring ground reaction forces, joint angles, muscle activity, center of pressure, and 

COM [114]. These parameters provide information about the timing and magnitude of APAs, 

which can help predict the transition events of GI and GT.  

Miff et al. [115] examined the temporal aspects of GI and GT from ten able-bodied adults and 

ten TF amputees. Using kinematic data, body COM forward acceleration and the time needed to 

start and stop walking at different speeds were determined. Both groups performed trunk forward 

lean APA to accelerate during GI and backward lean APA to decelerate during GT. Furthermore, 

GI acceleration magnitude directly correlated with participant average steady-state gait speed 

during each trial session. This indicates that APA during GI could be used to predict desired gait 

velocity during the first step of the gait cycle.  

Novak et al. [116] analyzed nondisabled participants’ APAs to develop a GI and GT FSM for 

prosthesis and exoskeleton control strategies, and determined that GI detection would only require 

hip and knee kinematics thresholds (Fig. 2.17A). In contrast, GT event detection would require 

measurement of hip and knee kinematics, centre of pressure positioning relative to the sagittal 

plane, and ground reaction force magnitude (Fig. 2.17B).  

 
Fig. 2.17 Finite state machine transition detection rule for gait initiation (A) and gait termination 

(B)  [116] (permission obtained from Elsevier).  
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When developing FSM and tuning transition rules for active prostheses, two important factors 

should be taken into consideration: imposed locomotion mode errors and critical time [23]. 

• Imposed locomotion mode errors occur due to active prosthesis back-drive torque when 

generating forward-drive torque. Since finite state transition rule thresholds depend on the 

residual limb angle and angular velocity, an imposed back-drive torque onto the residual 

limb can affect overall lower limb kinematics and reduce FSM detection accuracy [117].  

• Critical time is the maximum time window by which the state or activity transition must 

be detected to ensure prosthetic user stability [26]. Critical time window variability 

depends on the prosthetic type and the control strategy approach. Therefore, a critical time 

for each state transition must be obtained through experimentation.  

2.4.3 Mid-level controller framework: desired joint kinematic profile estimation  

Mid-level controllers can be grouped into phase-based and non-phase-based categories [23]. Phase-

based controllers use a predefined sequence of discrete phases (e.g., stance, swing) to coordinate 

device behaviour with the cycle. The controller relies on sensors to detect transitions between 

phases and trigger appropriate actions. Phase-based controllers are simple, robust, and widely used 

but have limited adaptability to different walking conditions and user preferences [23, 25, 118, 

119].  

Non-phase-based controllers do not use discrete phases, but use continuous variables such as 

intact joint angles, torques, or muscle activations to modulate device behaviour according to user 

state and intent [23, 120-122]. The controller can be based on biomechanical models, neural 

networks, fuzzy logic or other probability-based algorithms. Non-phase-based controllers are more 

flexible, adaptive and natural than phase-based controllers but rely on the prosthetic user's skills, 

muscle strength and residual limb flexibility to control the prosthesis. As previously explained in 

Section 2.2.4, due to major lower limb loss, HD amputees rely much more on their pelvis and intact 

limbs to provide the needed compensation during walking compared with lower-level amputees. 

This can lead to higher energy demands, significantly reducing their ability to influence the 

prosthesis directly. Therefore non-phase-based controllers are considered not ideal for active 

HKAF prostheses [16].  

Phase-based controllers provide natural gait patterns by performing predefined actions specific 

to the detected state transition event [23]. In the case of TF amputees, the predefined actions are 

normalized knee angle trajectories of able-bodied individuals. As shown in Fig. 2.18, temporal and 

spatial aspects of the normalized gait trajectory must be scaled upon state transition detection to 
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match the prosthetic user’s desired gait variability [94]. The temporal aspect of the normalized knee 

angle trajectory is adjusted through interpolation, and the spatial aspect is commonly adjusted using 

an impedance-based control equation [123], given by 

𝜏(𝑡) =  −𝑘(∅)(𝜃(𝑡) − 𝜃𝑑(𝑡, ∅)) − 𝑏(∅)𝜃̇(𝑡) , 𝑡 ≥ 0  (2.1) 

where 𝜏 is the desired motor torque, 𝜃 is the prosthetic joint angle, 𝜃̇ is the prosthetic joint angular 

velocity, 𝜃𝑑 is the predefined normalized knee angle, b is the damping ratio, k is the linear 

impedance (stiffness ratio), and ∅ is the state transition number (refer to Fig. 2.16). The tunable 

parameters are the impedance ratios 𝑘(∅) and damping ratios 𝑏(∅). Since each person has unique 

gait characteristics, a tuning routine is always performed after prosthetic fitting to ensure user safety 

and efficiency [94].  

 

Fig. 2.18 Active knee prosthetic control strategy with impedance-base control [124]. 

The main limitation of phase-based controllers is achieving a balance between input-output 

responsiveness and adaptability to users’ intent. A common method to achieve this balance is to 

use impedance-based control, which modulates the stiffness and damping of the prosthesis 

according to the gait phase and user intention. However, using a constant stiffness ratio as a function 

of state transition number (∅) may limit the performance and versatility of the prosthesis for 

different tasks and environments [98]. Therefore, some researchers have proposed alternative 

methods such as cubic impedance ratio parameter for nonlinear impedance modulation [119] or a 

virtual constraint control approach using a time-varying stiffness ratio function [100] to improve 

the tunability and flexibility of impedance-based control. These methods demonstrated the potential 

of using more sophisticated impedance functions to improve the functionality and usability of the 

mid-level controller strategies. Furthermore, to control non-cyclic events such as GI and GT, a 

secondary mid-level controller called “echo control” is often used instead of impedance-based 

controllers [121]. Echo control is a phase-based controller approach that simultaneously records 
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the prosthetic joint trajectory while feeding it back to the low-level controller with some delay and 

adjusted gains, hence following the user’s non-cyclic motion (Fig. 2.19) [23, 25, 98]. The echo 

controllers, however, require the user to wear additional sensors on the waist and/or contralateral 

limb. 

 

Fig. 2.19 Simple echo controller block diagram for active prosthetic knee control [25] (permission 

obtained from American Society of Mechanical Engineers ASME). θin represents the knee angle 

measured on the contralateral limb. The θout represents the prosthetic-side knee angle measured by 

an encoder. After calculating the knee angle error (θin - θout) the error is passed to a first-order 

transfer function to calculate the motor current. The input/output delay is introduced by the slow 

response time of first-order transfer function. 

2.4.4 Low-level controller framework: control system 

The low-level controller is the software-to-hardware translation layer in the form of a closed-loop 

control system (Fig. 2.20) that is responsible for monitoring hardware outputs and performing 

required error corrections based on desired parameters obtained from the mid-level controller [23]. 

Therefore, while designing the closed-loop control system, considerations must be made of the  

prosthetic hardware’s mechanical characteristics (plant) and the signal conditioning performed to 

remove external disturbances (feedback controller) [22].  

 

Fig. 2.20 Active prosthesis, hierarchical controller framework with closed-loop low-level control 

system [93]. 
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2.4.4.1 Plant  

Prosthetic joint designs in commercial products and prototypes are diverse. Researchers often 

develop complex polycentric joint systems to introduce motion non-linearities and mimic 

biological joint kinematics [122]. This is achieved by transferring motor actuation to the prosthetic 

joint centre of rotation through multiple interconnected components, such as springs or dampers 

(Fig. 2.21). Therefore, motor actuation and induced torque may not directly correlate with overall 

prosthesis actuation and torque.  

 

Fig. 2.21 Example of an active prosthetic knee prototype (right) and the equivalent mechanical 

model (left)  [119] (permission obtained from Sage Publications). 

Since most mid-level controllers are designed to be modular and hardware independent, their 

outputs represent the prosthetic system’s overall desired dynamics and not the actuator dynamics. 

Therefore, further signal processing (torque controller) is often required at the low-level 

feedforward controller to ensure the desired torque is achieved at the joint centre of rotation, 

regardless of joint complexities and non-linearities [22].  

Torque controllers are based on prosthesis theoretical models. As shown in Fig. 2.22, 

prosthetic models are designed to be simple, utilizing mass, linear spring, and linear damping 

elements to approximate overall system behaviour [122]. Then, using these theoretical models, the 

equation of motion and torque controller transfer function is obtained [16, 122, 125-128].  



 

30 

 

 

Fig. 2.22 Active prosthesis modelling, A: Overall system behaviour approximation [129],  

B: Actuator characteristics modelling [128]. 

2.4.4.2 Feedback controller 

PIDs are the most common type of low-level feedback controllers used for active prostheses [22]. 

These controllers achieve disturbance immunity, which refers to the ability of the controller to 

maintain stable control in the face of external disturbances or unpredictable hardware behavioural 

changes (e.g., sudden body weight increase after donning a backpack) [130]. In addition, the 

robustness and ease of implementation make PIDs ideal for most prosthetic designs.  

2.5 Discussion 

Replacing passive and semi-passive knee joints with active joints has the potential to improve gait 

dynamics for prosthetic users, enabling them to engage in demanding locomotion activities that 

they previously avoided or found challenging [19-21]. Although extensive research has been 

conducted on active prosthesis actuators and control strategies, these advancements have yet to be 

integrated into HKAF prostheses. Given that individuals with HD amputations lack all leg muscles 

on the amputated side, active prosthetic technologies could potentially address net torque deficits 

and provide benefits to the user. 
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In active prosthesis research, designing a controller strategy that can adapt to different walking 

conditions and user preferences is essential [22, 23, 94, 122]. A common way to address this 

challenge is to use a hierarchical control strategy approach, which divides the controller into three 

layers: high-level, mid-level and low-level [23]. The high-level layer determines the gait phase and 

mode based on sensor inputs and user commands. The mid-level layer generates the desired joint 

trajectories and impedance parameters based on the high-level layer outputs and biomechanical 

models. The low-level layer implements the joint torque control based on the mid-level layer 

outputs and feedback signals. This hierarchical approach allows developers to simplify and 

modularize the controller design and evaluation process, as well as to compare different methods 

within each layer. Therefore, we adopted a similar hierarchical control strategy approach for our 

motorized HKAF prosthesis research.  

Many biomechanical models of swing phase kinematics adopt a double pendulum model  as a 

simplifying assumption for lower limb motion [131]. Considering this assumption, the passive or 

semi-passive knee movements in TF prostheses is achievable through compensatory hip joint 

extension and flexion. Therefore, knee and hip kinematics could be obtained by measuring hip joint 

kinematics [29]. For HKAF prostheses, coordinated prosthetic hip and knee joint motions during 

the swing phase can only be achieved by compensatory pelvic tilt movements [63]. As a result, 

HKAF prosthesis users exhibit exaggerated pelvic motions for prosthesis control [10]. When 

developing control strategies for a motorized HKAF prosthesis, inverse kinematics can be used to 

achieve appropriate prosthetic knee and foot control from hip movements [132]. Therefore, the 

important role of pelvic motion in prosthetic controls and gait variability must be taken into 

consideration.  

Section 2.4 introduced a generalized multi-layered framework that could potentially be used 

to develop active HKAF prosthesis control strategies. As shown in Fig. 2.15, a controller 

framework should be able to adjust prosthesis hardware behaviour to adapt to the environment and 

user commands. Hence, the user, environment and prosthesis observabilities are vital parts of the 

control strategy [94].  

Canadian type HKAF prosthesis alignment was designed to provide stability during stance 

phase and ensure adequate ground clearance during swing phase [5]. However, this alignment 

system requires the passive hip joint to be placed anterior to the pelvis and inferior to the biological 

hip joint, resulting in shorter overall prosthetic limb length and reduced hip rotation range of motion 

[58, 59]. These limitations contribute to reduced walking speed and 2-minute walk test scores 

relative to TF amputees and able-bodied individuals [59]. Recent studies on active TF prosthetic 
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users have shown that, by providing a positive net force on the prosthetic side, these prostheses can 

mimic natural joint movements, reducing dependence on the intact limbs and improving gait 

symmetry [20, 133]. Therefore, gait symmetry analysis is an important metric to quantify the 

success of these technologies and guide further improvements. 

Apart from gait symmetry, another crucial factor related to gait pathologies is gait variability 

since walking efficiency is directly linked to gait variability [70, 134]. Individuals who use HKAF 

prostheses frequently exhibit greater gait variability due to the heightened energy required for 

walking when compared to able-bodied individuals and TF amputees [135]. Consequently, by 

monitoring gait variability, the effectiveness of therapeutic interventions and rehabilitation can be 

assessed [69]. Furthermore, since evaluating gait symmetry and variability can offer a 

comprehensive overview of a prosthetic user's performance, these approaches can also be utilized 

to compare the performance of the developed controller strategy to the gait symmetry and 

variability of passive prostheses.  

2.5.1 Research gaps 

Commercially available HKAF prostheses are equipped with mechanical hip joints to reduce the 

overall prosthesis weight. However, since the resultant net hip torque is negative, users must spend 

up to 80% more energy than able-bodied people for walking but also have slower walking speeds 

[14]. Prolonged prosthesis use can increase the risk of spinal injuries due to excessive pelvic 

utilization, and accelerate intact side arthritis [12]. 

Considering the advancement in motorized actuator technologies, HKAF prosthetic users 

could benefit from a prosthesis with motorized hip joint; however, only two studies have explored 

this possibility [16, 132] and performed efficacy assessments on either able-bodied participants 

using simple controls [16] or through mathematical simulations [132]. Thus, we identified two 

overarching research gaps: 

• Development of user-centric control strategies for a self-contained prosthetic system 

(requiring no additional body-worn sensors beyond the prosthesis itself). 

• Rigorous evaluation of motorized HKAF prostheses to quantify their effectiveness in 

mitigating the energy expenditure, reduced mobility, and excessive utilization of pelvic 

movements. 
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To address these gaps, the following research questions guided this thesis: 

1. How should the hierarchical control strategy for active HKAF prosthesis be 

implemented? 

a. How to design a high-level controller that can detect the user's intent and 

switch between different modes of operation? 

b. How to design a mid-level controller that can generate reference torque 

trajectories for the desired mode of operation? 

2. Is developing a control strategy that relies on HD amputee natural pelvic movement 

to control the active HKAF prosthesis feasible? 

a. What methods should be used to extract prosthetic user’s control commands 

from the pelvic movements?  

b. Which pelvic movement features correlate with desired hip kinematics?   

c. Will a hierarchical control strategy approach reduce the HKAF prosthetic 

user’s need to perform exaggerated pelvic tilt motion during walking?  

3. Will utilizing an active HKAF prosthesis and control strategy improve HKAF 

prosthesis user gait and sitting/standing? If so, what improvements could be observed? 

a. Compared to passive HKAF prosthesis, will walking on an active HKAF 

prosthesis improve the prosthetic users gait?  

b. Can active HKAF prosthesis users achieve a gait symmetry and kinematics 

similar to TF prosthetic users?  

c. Compared to passive HKAF prosthesis, will active HKAF assist the user 

during sit-to-stand, and stand-to-sit by while ensuring consistent prosthetic 

side loading? 
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Chapter 3: Prototype development 

3.1 Foreword 

This chapter details the development of hardware and backend software required to establish a 

foundation for the prosthesis control strategies. This work lays the foundation towards addressing 

thesis objective 1: “Develop a motorized HKAF prosthesis control strategy for gait initiation, 

termination, and level walking” and objective 2: “Develop a motorized HKAF control strategy for 

sit-to-stand and stand-to-sit transitions”. The prototype hip joint and chassis were designed by 

Kelly Brannen, Yousef Bader and Lucas Cho, each responsible for exploring the mechanics of 

different joint designs and prosthetic thigh chassis designs. The motor system and the electronics 

that powered the motor were provided by Össur. The author’s hardware development contributions 

were electronics circuits board development and chassis instrumentation to ensure appropriate 

sensor input for the control system.  

The motor controller software (low-level controller discussed in Section 2.4.4) was provided 

by Össur. Motor control system tuning, control strategy development, hardware abstraction layer 

programming, and software backend programming discussed in this Chapter were the author’s 

contributions.  

Initial validation tests of the prototype were conducted with a simple control system before 

implementing a full hierarchical controller. The author programmed the motorized hip joint to 

perform basic high impedance actuation cycles (follow the desired hip angle trajectory at high 

torque), replicating the kinematic patterns described in Section 2.2.3. To evaluate practical 

usability, three able-bodied participants walked with the prosthesis using an HD prosthesis 

simulator [136], following protocols and measurement criteria outlined in prior research [31, 32, 

137]. These tests provided preliminary data on hardware performance and user interactions. 

In preparation for control strategy development, force sensors and inertial measurement units 

(IMUs) were integrated into the mechanical design and calibrated. The author designed and 

assembled initial control electronics, including circuit boards and communication interfaces. A 

modular software framework was implemented by Farshad Golshan, featuring a hardware 

abstraction layer to simplify code updates. The electronics and code were intentionally designed 

for flexibility, allowing design adjustments as the control strategy evolved. The hardware and 

software underwent several iterations throughout this research and notable iterations are discussed 

in this chapter.  
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3.2 Prototype design 

Fig. 3.1A illustrates the first prototype that was used for the control strategy development. The 

mechanical design and validation of this prototype was performed by Yousef Bader [31], Sarah 

Mroz [137], and Kelly Brannen [138]. The prototype was named “Power Hip” and consisted of an 

active hip joint, prosthetic chassis, semi-passive prosthetic knee (Össur Rheo knee), and energy 

storing prosthetic foot (Össur pro-flex ST). In a collaborative effort between Össur (prosthesis 

manufacturer) and the University of Ottawa, Össur’s power knee actuator and control electronics 

were adapted for the hip joint system and thigh chassis module. In this thesis work, prototype 

development was progressed by instrumenting the prosthetic thigh chassis, programming the 

necessary software to perform initial gait tests, and adding electronics for prototype 

experimentation and data acquisition. 

Power Hip consisted of a motorized hip joint and a prosthetic thigh chassis. The hip joint was 

designed to be front socket mountable and compatible with the Canadian-type alignment 

requirements (Fig. 3.1B). The prosthetic thigh chassis housed the hip joint battery, electronics, and 

sensors.  The hip joint system used a single-axis pully mechanism to translate actuator torque to 

the centre of rotation. This meant that the actuation commands (motor angle and motor speed) were 

equivalent to the prosthetic hip states (hip angle and hip angular velocity), requiring no observer 

controller. This simplified the low-level controller design and reduced the computational load.  

During the later stages of control strategy development and testing, the initial prototype’s 

height limitations became apparent; therefore, further hardware modifications were necessary. The 

initial prototype length was 312 mm and only compatible with participants taller than 170 cm. This 

limited HD participant recruitment criteria. To reduce the overall height of the prosthesis, 

modifications were made to the thigh chassis design and some internal electronics. As shown in 

Fig. 3.2, in the final version of the prototype, the Power Hip component height was decreased by 

86 mm, which permitted recruitment of participants with body heights of 150 cm and above. 
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Fig. 3.1 A: Powered Hip joint anteriorly mounted to the simulator for testing, B: Isometric view of 

the hip joint system. 

 

Fig. 3.2 CAD rendering and dimensional differences between first prototype (A) and the final 

prototype (B). 
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3.3 Embedded system hardware 

In addition to the electronics provided by Össur, an external electronic circuit board was required 

to perform load cell signal conditioning, pelvic motion analysis, sensor data acquisition, and 

performance monitoring. The author developed this additional circuit board and named it data 

acquisition board since its primary purpose was to log all the raw sensor data and processed control 

outputs. From the start of this research work, five iterations were made to the design of this board 

each addressing limitations of previous versions (Fig. 3.3). The final version of the board was 

divided into a circuit board that separated the digital signal and analog signal processing units. This 

design choice was necessary since in the final prototype version, the motor was close to the 

sensitive loadcell. Hence, to reduce the motor’s electromagnetic interference, the instrumentation 

amplifier and Analog-to-Digital converter (ADC) chip had to be placed near the loadcells. The 

datasheet of the final iteration of the data acquisition board has been provided in Appendix A. 

 

Fig. 3.3 All iterations of data acquisition circuit board. Main components of the version 5 iterations 

are the ESP32-S3 microcontroller and BLE communicator (1), Micro SD card slot (2), Pelvic IMU 

I2C port (3), MCP3562R ADC (4), NCS4325 instrumentation amplifier (5) and, SPI 

communication port connecting analog board to digital board (6). 



 

38 

 

The data acquisition circuit consisted of several components performing different functions:  

• Load cell signal conditioning Integrated Circuit (NCS4325): The analog circuit was 

designed with NCS4325 to amplify and filter the signal from the strain gauges. Since the 

magnitude of strain gauge voltage fluctuation was small (microvolts), the load cell signals 

were susceptible to external noise (e.g., temperature fluctuations, electro-magnetic 

interference). Therefore, an instrumentation amplifier circuit was designed to filter high-

frequency noise (100 Hz cutoff frequency) and amplify the signal (gain of 50) before 

analog to digital conversion.  

• Analog to digital conversion Integrated Circuit (MCP3562R):  A 2-channel, 24-bit ΔΣ 

ADC MCP3562R was utilized due to its high sampling rate and suitability for 

instrumentation applications. As illustrated in Fig. 3.3 (version 5), the design of the ADC 

printed circuit board (PCB) included a separation between the analog and digital sections 

of the MCP3562R chip by isolating their grounding paths. This approach helped to 

minimize digital noise interference [139]. The MCP3562R communicated with the 

microcontroller through a serial peripheral interface (SPI) port, attached to the back of 

digital data acquisition board (not shown in Fig. 3.3). 

• Pelvic IMU (BNO085): BNO085 is a 9-axis IMU, consisting of a 3-axis accelerometer, a 

3-axis gyroscope, and a 3-axis magnetometer. This IMU features a proprietary algorithm 

that combines data from all 9 axes to calculate high-accuracy, high-sampling-rate 

quaternion coordinates of three-dimensional orientation, thereby reducing the 

computational load on the main microcontroller. This IMU communicated with the 

microcontroller via an inter-integrated circuit (I2C) protocol. 

• Communication port to the Össur electronics board: The Power Hip was specifically 

designed to work with the electronics and motor provided by Össur. To facilitate data 

transmission between the Össur electronics board and the data acquisition board, a 

communication method was necessary. The universal asynchronous receiver-transmitter 

(UART) protocol was selected since it required minimal modifications to the Össur 

electronics. 

• Sensor data storage into SD card: During control strategy development and 

experimentation, it was necessary to log sensor data and control strategy outputs at a high 

sampling rate. To achieve this, an SD card (and card slot) was utilized to record the data in 



 

39 

 

real time while the Power Hip was untethered. The SD card communicated with the main 

microcontroller via MultiMedia Card (MMC) protocol.  

• Wireless data transmission between microcontroller and PC: In addition to storing data 

on the SD card, during walking tests, the same sensor data were transmitted to a nearby PC 

using the low-energy Bluetooth (BLE) communication protocol. However, this 

transmission occurred at a much lower sampling rate of 10 Hz, compared to the faster data 

logging speed of the SD card. The computer operated a graphical user interface (GUI) that 

provided an overview of system performance, including sensor output plots and 

microcontroller diagnostic information. Using the same GUI and communication protocol, 

control strategy tuning parameters were transmitted from PC to the data acquisition circuit 

board. 

In this study, the Össur electronics board was referred to as the motor controller board, as its 

main function was to regulate DC motor torque output. This motor controller board also contained 

two supplementary sensors utilized by the control strategy algorithm: a thigh orientation IMU 

(BNO055) and a hip rotation angle sensor.  

3.3.1 Load cell instrumentation 

The developed control strategy utilized ground reaction force measurements to identify transitions 

between gait cycle phases by measuring the axial force (single axis force passing through the 

prosthesis from bottom to top). To implement this approach, tests were conducted to determine the 

optimal locations for strain gauge placement within the thigh chassis, as well as the associated 

voltage-to-force calibration parameters. The placement locations were identified through 

SolidWorks simulations (Fig. 3.4A). These simulations revealed that the bottom corners of the 

chassis experienced the highest strain under a vertical load of 1000 N applied to the prosthesis [31]. 

Based on these findings, two BF350 strain gauges were installed at each bottom corner of the 

chassis, forming two full Wheatstone bridge load cells, one located at the front of the chassis and 

the other at the back (Fig. 3.4B). 

The author performed load cell calibrations using an Instron 4482 universal testing machine 

at the University of Ottawa (Fig. 3.4C). The machine was configured to apply 2300 N at 125 N/s 

to the thigh chassis in five consecutive trials. During these tests, the data acquisition board recorded 

the corresponding load voltages, which were stored on an SD card. The voltage outputs were 

subsequently fitted to a first-order polynomial in MATLAB to determine the calibration 
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parameters. As illustrated in  Fig. 3.5, the load cells measured forces up to 2300 N with a root mean 

square error (RMSE) of 29.8 N, corresponding to an error of 2.3%. 

 

Fig. 3.4 A: Strain simulation of thigh chassis showing locations with greater strain. B: Strain gauge 

placement on the chassis columns near the base plate. C: Instron strain test. 

 

Fig. 3.5  Instron testing machine force and the measured force by the load cells (calibrated) during 

calibration tests. 
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3.3.2  Motor controller tuning  

The Power Hip is equipped with a brushless, three‐phase DC motor originally designed for the 

third‐generation Ossur Power Knee. Paired with a harmonic drive gear (1:96 gear ratio), the motor 

can deliver a maximum torque of 96 N·m at speeds up to 300°/s. Since the Power Hip’s mechanical 

characteristics differ from the Ossur Power Knee, the motor control parameters required retuning. 

The motor is controlled via a TMC4671 field‐oriented controller (FOC) integrated chip. Fig. 3.6 

shows a typical FOC block diagram employed by TMC4671.   

 

Fig. 3.6 TMC4671 FOC block diagram [140]. PWM: pulse width modulation, PMSM: permanent 

magnet synchronous motor, MCU: microcontroller 

FOC is a well‐established method for managing three‐phase brushless DC motors [141]. By 

decoupling the torque and flux components of the motor current, FOC enables independent 

regulation for optimal performance. Initially, the three‐phase stator currents (𝑖𝑎, 𝑖𝑏, 𝑖𝑐) are 

transformed into a two-dimensional stationary reference frame using the Clarke transformation  

[142] given by 
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This transformation yields two orthogonal components, 𝑖𝛼 and 𝑖𝛽, which are then rotated into the 

rotor’s d–q reference frame (Fig. 3.7) via the Park transformation [143] using the rotor’s electrical 

angle (θ) given by 

[
𝑖𝑑
𝑖𝑞

] = [
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]  (3.2) 
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In this framework, the direct-axis current (𝑖𝑑) aligns with the rotor’s magnetic flux, while the 

quadrature-axis current (𝑖𝑞) is directly linked to the produced torque. Many control strategies aim 

to minimize 𝑖𝑑 so that nearly all coil current contributes to torque generation via 𝑖𝑞 [141]. This 

approach permits output torque estimation from 𝑖𝑞 readings in applications where incorporating a 

torque sensor is impractical, such as in the Power Hip prototype. 

 

Fig. 3.7 d-q coordinate system of 3-phase FOC [144]. 

Rotor angle accuracy in the Park transformation is dependent on angle sensor (encoder) 

alignment relative to the rotor’s magnetic poles. Tuning the encoder offset angle relative to the 

position of the rotor’s magnetic poles is essential to minimize torque ripple and maintain a low 𝑖𝑑.   

FOC proportional-integral (PI) controllers did not require further tuning beyond the values 

already established for the Ossur Power Knee, because these gains are typically selected based on 

the motor’s electrical time constant and mechanical properties rather than on prosthesis-specific 

characteristics. Therefore, considering the FOC controller’s core functionality, the encoder offset 

angle (Φ offset) and 𝑖𝑑-to-output torque ratio required tuning for our prototype. 

In preparation for tuning these two parameters, the setup shown in Fig. 3.8 was prepared to 

apply known torque onto the joint. Using an electric chain hoist attached to a weighted lever arm, 

the speed at which the load was applied to the joint was safely controlled. This setup allowed us to 
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easily adjust the applied torque and perform cyclic loading and unloading to determine the 

repeatability of the tuned FOC.  

 

Fig. 3.8 Power Hip motor tuning setup. 

3.3.2.1 Encoder offset tuning (Φ tuning) 

The magnetic flux (Φ) linkage generated by the rotor’s permanent magnets defines the magnitude 

of the magnetic field in the air gap between the rotor and stator, thereby directly influencing the 

motor’s back-electromotive force (back-EMF) and the resultant torque production. 

In practical systems, the nominal flux linkage, as provided in datasheets or obtained through 

theoretical calculations, does not always match the actual flux due to factors such as manufacturing 

tolerances, variations in magnet properties, and measurement errors in sensors. To compensate for 

these discrepancies, a Φ offset is introduced and tuned. 

The author performed Power Hip Φ offset tuning by first setting the low-level controller to 

hold position in a very high impedance mode. Ideally, when a known external torque is applied and 
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the corresponding motor torque is measured, gradually adjusting the offset should cause the motor 

torque to change and get closer to the applied external torque. However, during initial Power Hip 

tuning, because the 𝑖𝑑-to-output torque was not yet configured, we instead monitored the relative 

changes in the motor torque as the offset was adjusted. The offset was continuously adjusted under 

the same constant external torque until only minimal deviation in the measured motor torque and 

actual applied torque were observed. Fig. 3.9 illustrates the changes in measured output torque after 

finalizing the Φ offset tuning.  

 
Fig. 3.9 Results before and after Φ offset. Calculated: known applied torque, Measured: Power Hip 

motor output torque estimate.  

Since the load was gradually applied to the system, the measured torque gradually increased 

before reaching the maximum value. Then the measured and calculated torques were compared. 

Φ offset was adjusted after each trial to reduce the difference between the maximum measured 

torque and calculated torques. The calibration was deemed complete once the difference was the 

smallest. 

3.3.2.2 Motor current to output torque ratio tuning 

To determine the ratio, an initial value of 1 was assumed. Using the experimental setup described 

in Section 3.3.2, a progressively increasing known load was applied to the joint while the motor 

torque was measured, thereby establishing the relationship between the applied load and the 
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measured torque. From this relationship, a linear equation was derived to represent the load-to-

torque behaviour. To verify that the ratio was accurately determined, the same test was repeated 

after tuning ratio and the root mean square error (RMSE) was calculated. After each trial, the linear 

equation was adjusted to reduce the RMSE. The tuning deemed complete when further reduction 

of RMSE was not achievable. As shown in Fig. 3.10, once the ratio was tuned, the RMSE was 

greatly reduced compared to its initial value.  

 

Fig. 3.10 Incremental loading of the Power Hip joint and the derived load to torque curve before 

and after calibration, Measured: obtained from Power Hip, Target: calculated torque based on 

applied load. 

3.3.3 Initial prototype testing  

Initial prototype testing was conducted to evaluate functionality and assess hip flexion and 

extension under load. These preliminary tests were carried out on able-bodied participants using an 

HD prosthesis simulator developed by Fanous et al. [136]. The HD prosthesis simulator is a 

specialized system that enables non-amputees to attach the prosthesis to the side of their body, 

allowing for functionality testing (Fig. 3.1A). 

After obtaining ethics approval from the University of Ottawa's ethics committee (H-08-21-

7062), able-bodied participants were recruited and trained to walk with the prosthesis. During 

walking tests, actuator functionality was evaluated using a simple high-impedance controller. This 

controller was designed to rotate the hip joint along a predetermined trajectory at a constant speed, 

ensuring consistent performance assessment across participants. 
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3.3.3.1 Hip angle trajectory generator 

During initial prototype testing, the control strategy had not yet been fully developed. Instead, a 

MATLAB script was created to generate predefined hip angle trajectories based on user-defined 

preferences, such as gait timing, range of motion, and flexion/extension rotation speeds. These 

trajectories were designed to closely replicate the natural hip motion of TF amputees, using data 

from prior studies and biomechanical models (Fig. 3.11). This approach proved effective for 

quickly testing various hip joint designs. The results of the initial prototype testing with able-bodied 

participants have been documented in  [31, 137, 138]. 

 

Fig. 3.11 An example of a generated hip trajectory profile. 

3.4 Embedded system software abstraction layer 

In this thesis, the term "abstraction layer" refers to the programming code that enables the main 

application (control strategy software) to function reliably on the microcontroller. In its final 

implementation, the abstraction layer managed BLE communication with the PC, data transfer to 

and from the motor controller board, real-time sensor data collection, and real-time data logging. 

The simultaneous operation of all tasks was facilitated in part by the dual-core architecture of 

the ESP32-S3 microcontroller, which allowed two operations to run concurrently. However, since 

more than two tasks needed to be active simultaneously, an automated task scheduling system was 
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required to ensure that sensor data collection and processing occurred approximately in real-time. 

FreeRTOS task scheduling software was selected for this purpose due to its full compatibility with 

the ESP32-S3 software development toolchain. 

FreeRTOS is an open-source real-time operating system designed for microcontrollers, 

specializing in managing multiple concurrent tasks (looping code blocks requiring indefinite 

execution). One key feature of FreeRTOS is its ability to assign priority levels to tasks, enabling 

critical operations such as sensor measurements to be executed at strict time intervals without 

interruptions.  Priority levels are assigned using 8-bit integer numbers where 0 is the lowest priority 

and 255 is the highest priority.  

Table 3.1 provides an overview of all tasks in the system, detailing the order of their initial 

activation, priority levels, and execution time intervals. In our software’s final version, seven tasks 

were programmed to operate in tandem. The control strategy software itself was also implemented 

as a task and was activated last to enable sensor data to function effectively.  

Table 3.1 Abstraction layer tasks, activation order, priority, and execution interval time. 

Initial 

activation 

order 

Task name Task function description 
Priority 

level 

Execution 

interval  

Executed on 

CPU core 

number (0 or 1) 

1 SD_manager 
Manage data written into 

the SD card 
3 1 ms 0 

2 IMU_read 
Measure pelvic 

movement  
3 2 ms 1 

3 ADC_read Measure reaction force 3 1 ms 1 

4 UART_rx_event 

Capture incoming data 

from motor controller 

board 

2 

When 

incoming data 

is detected 

0 

5 UART_tx_event 

Send control strategy 

requests to the motor 

controller board 

2 

When data 

transmission 

is requested 

by CS_task 

1 

6 BLE_manager 
Sending and receiving 

data via BLE peripheral  
1 100 ms 0 

7 CS_task  

Control strategy high-

level controller 

processing 

3 2 ms 0 
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3.4.1 Communication between data acquisition board and motor control board 

Efficient communication between the data acquisition board and the motor controller board was 

crucial for implementing the control strategy. While high-level controller calculations were 

initiated on the data acquisition board, a portion of these calculations and the complete execution 

of the mid and low-level controllers were carried out on the motor controller board. This division 

of computational tasks was necessary due to the control strategy’s (discussed in Chapter 5) reliance 

on data from pelvic kinematics, hip rotation kinematics, thigh kinematics, and ground reaction 

forces. 

The UART protocol, used for communication, imposed bandwidth limitations that made direct 

high-rate streaming of sensor data to either board impractical, leading to data loss. To address this 

issue, high-level controller calculations were distributed between the two boards. For instance, hip 

and thigh kinematics were measured on the motor controller board, necessitating efficient 

communication to synchronize the high-level controller tasks. Tuning mid-level controller 

parameters, such as stiffness and damping ratios, required communication between the two boards 

since the updated parameters were stored on the data acquisition board’s SD card by default. 

A tailored communication strategy was developed to mitigate data loss and optimize 

performance by transmitting only essential information in small, manageable batches. As depicted 

in Fig. 3.12, the system startup involves transferring tuning parameters from the data acquisition 

board to the motor controller board. Once these parameters are fully transferred, the control strategy 

application is activated. During runtime, instead of streaming raw sensor data, the data acquisition 

board processes the data locally and transmits event flags to the motor controller board. These flags 

signal critical events, such as transitions in gait phases or detections of pelvic tilt features, that 

directly influence high-level controller operations. By limiting data transmission to these essential 

updates, the communication strategy ensures efficient and reliable coordination between the boards. 
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Fig. 3.12 Communication events between data acquisition board and motor controller board during 

startup initialization and during operation. 

3.4.2 Pelvic motion IMU  

IMUs typically output three-dimensional rotation data in either Euler angles or quaternions [145]. 

While Euler angles are commonly used, they are prone to gimbal lock, where the alignment of two 

rotational axes results in the loss of one degree of freedom. In contrast, quaternions do not suffer 

from this limitation and provide smooth and continuous representations of rotation. Furthermore, 
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quaternions are computationally more efficient, requiring fewer mathematical operations to 

combine rotations, which is particularly advantageous for real-time applications. 

The IMU employed for pelvic measurements in this study (BNO085) was capable of 

outputting rotation data in quaternions. However, since pelvic measurements are often expressed 

in Euler angles, each quaternion output had to be converted to Euler angles in real time to align 

with conventional reporting formats. This conversion was performed for every data sample to 

ensure compatibility with the analysis framework.  

Equation 3.3 was used for the conversion [146] and is given by 

[
𝜙
𝜃
𝜓

] =

[
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  (3.3) 

where 𝜙 is the rotation angle about the x-axis (pelvic tilt movement), 𝜃 is the rotation about the y-

axis (pelvic obliquity movement), 𝜓 is the rotation angle about z-axis (pelvic rotation), [𝑞𝑥  𝑞𝑦 𝑞𝑧] 

are the three imaginary parts of quaternions, and 𝑞𝜔 is the real part of quaternions. The pelvic 

movement terminologies with respect to each anatomical planes are illustrated in  Fig. 3.13. 

 

Fig. 3.13 3-dimensional movement of pelvis (3D model created by Andreas Kontny [147]) 

3.4.3 BLE communication with PC 

The author, with assistance from an undergraduate engineering student (Lucas Cho), developed a 

PC application to interface with the Power Hip system. Although the Power Hip and its control 

strategy were designed for untethered operation, a wireless communication application was 

essential for technical diagnostics during control strategy development and for parameter tuning 

during participant training. 
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The application was implemented using Python (version 3.10) with the PyQt5 library to create 

a simple graphical user interface (GUI). The GUI was designed with two tabs (Fig. 3.14). The first 

tab facilitated software diagnostics by providing real-time plotting of various sensor data values. 

The second tab was dedicated to parameter tuning (Fig. 3.15). During participant training, tuned 

parameters could be adjusted and saved for reuse in subsequent training or trial sessions.  

To establish communication with the PC application, a BLE service was implemented on the 

data acquisition board. The BLE service was configured as a server driver and assigned a random 

universally unique identifier (UUID). All data transmissions and receptions were conducted 

through a single Generic Attribute (GATT) service. 

Typically, separate services are created for data transmission and reception to optimize 

performance. However, since a high data streaming rate was not a priority for this application, a 

single service was used to simplify the programming process. 

 

Fig. 3.14 PC application GUI of Power Hip diagnosis tab.  
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Fig. 3.15 PC application GUI of Power Hip parameter tuning tab. 
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Chapter 4: A pelvic kinematic approach for calculating hip angles for 

active hip disarticulation prosthesis control 

4.1 Foreword 

As discussed in Section 2.4.3, the phase-based mid-level controller performs spatial and temporal 

modulation on the normalized hip trajectory to generate the hip angle trajectory. Therefore, a novel 

algorithm was required to calculate the hip angle of HD amputees from pelvic motions.  

The development of this algorithm was based on TF amputee gait data utilizing the pelvic 

motions and ground reaction forces. Specifically, 3D pelvic motion and stance time data from 10 

TF prosthesis users were used to extract unique features to design a hip angle calculation algorithm.  

This algorithm was tested on a different set of TF gait data to evaluate accuracy. The algorithm 

estimated hip angle and angular velocity with high precision and low error, using only pelvic 

rotation, pelvic tilt, and stance time as inputs. These findings suggested that small pelvic 

movements can be a reliable user input method to control gait of an active hip prosthesis, reducing 

the need for excessive pelvic motion while increasing the hip joint’s range of motion. Outcomes of 

this study directly contributed to partial fulfilment of thesis objective 1: “Develop a motorized 

HKAF prosthesis control strategy for gait initiation, termination, and level walking”.  

This chapter was published in the Journal of NeuroEngineering and Rehabilitation: 

F. Golshan, N. Baddour, H. Gholizadeh, and E. D. Lemaire, "A pelvic kinematic approach for 

calculating hip angles for active hip disarticulation prosthesis control," J Neuroeng Rehabil, vol. 

20, no. 1, p. 152, Nov 9 2023, doi: 10.1186/s12984-023-01273-x. 

4.2 Introduction 

People with an amputation at the hip level have the most difficulty returning to walking [35]. 

Operating a passive hip disarticulation (HD) prosthesis can be physically demanding, especially 

for elderly users, and requires sufficient physical fitness [14], [148]. Furthermore, in cases where 

people continued to use their prostheses, excessive pelvic tilt and rotation during ambulation could 

eventually lead to spinal injuries [10]. 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 

intelligently. User input is required for hip control; however, identifying viable user input that could 
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be used for prosthetic control is a challenge since hip disarticulation amputees lack the entire hip 

and leg. 

In conjunction with knowledge of 3D gait biomechanics, advancements in actuator and sensor 

technologies have produced effective control systems for lower extremity prostheses [149]. 

Powered knee joints that actively aid the prosthetic user in challenging terrains can be beneficial 

by reducing strain on the body [18], [129]. However, microprocessor-controlled and powered hip 

joints are only now being investigated in the research domain [16].  

Ueyama et al. [16] substituted conventional prosthetic hip and knee joints with robotic 

motorized joints to actuate the knee and hip. Their prototype used a simple gait control strategy to 

mirror intact limb motion. A feedback controller allowed the hip to extend while compressing a 

virtual spring as the participant moved the intact limb forward. The compressed virtual spring's 

potential energy was released during swing phase, allowing the actuators to swing the prosthesis 

forward. 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. User control becomes especially crucial 

while operating a powerful joint capable of propelling the user forward. Mirroring the intact limb 

is also problematic for stumbles or other asymmetric gait activities (e.g., working in a kitchen, etc.). 

With the evolution of hip prosthetic actuation, the need for a robust and reliable control mechanism 

has become essential [23].  

Similar to people with transfemoral (TF) and transtibial amputations, some people with an HD 

amputation are fitted with a prosthesis and receive rehabilitation to use the new prosthesis 

appropriately [1]. Unlike TF and transtibial amputees that utilize thigh or shank 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) prosthesis [66, 150, 151]. Since 

motorized HD prosthesis kinetics and kinematics differ from gait with passive devices [16], applied 

torque through the motorized hip joint will require a specific gait control strategy [23]. That is, 

conventional mechanical HD prosthesis biomechanics cannot be directly used for optimal 

motorized hip joint performance. A more appropriate comparator for walking 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 [103]. 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 flexion and extension. These 

pelvic features and their relationship with hip rotation were then used to develop an algorithm to 

estimate the hip angle at each instant of gait cycle. Thus, this algorithm enables hip angle to be 

calculated from pelvic motion measurements. Successful evaluation of this algorithm with a 

separate TF amputee gait dataset demonstrates the viability of this new approach. This pelvis-based 

approach enables progression to the next phase of powered hip joint control system development, 

leading to better mobility for people with hip-level amputations.     

4.3 Methods 

We investigated TF amputee pelvic motions (pelvic tilt, pelvic obliquity, pelvic rotation) and their 

relationship with hip rotation. These data were used to develop an algorithm to calculate hip angles 

throughout the gait cycle, from pelvis motion while walking on level ground. Hip angles calculated 

by the algorithm were compared with measured (motion-captured) hip angles to quantify algorithm 

performance. This model focused on level steady-state walking.  

4.3.1 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 without 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 levels [152] was used for algorithm development. Data were collected in the CAREN 

Extended virtual reality laboratory at The Ottawa Hospital Rehabilitation Centre and processed 

with C-motion Visual 3D (version 6) and MATLAB software version 2021a [76], [153]. People 

walked on a treadmill (level walking) at self-selected walking speeds, and ten strides per person 

were extracted (a total of 100 strides). The development group's mean age was 47 ± 9.4 years, mass 

was 85 ± 8.6 kg, and height was 176 ± 9 cm. The Ottawa Health Science Network Research Ethics 

Board approved the secondary use of this dataset. 

Testing group data were obtained from a recently published database ([154], [155]) that used 

10 VICON 3D motion capture cameras and a dual-belt instrumented Bertec treadmill. Ten people 

with unilateral transfemoral amputation 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 
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levels 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. MATLAB™ R2021a was used to extract C3D files, 

apply a CODA pelvic model [156], and calculate 3D pelvis angles. 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 performance 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 Table 4.1 and Table 4.2 below.  

Table 4.1 Testing group details 

PNO. Mobility Class Prosthetic knee Knee control method Number of strides 

1 K3 Plié1 MPU 166 

2 K2 C-leg2 MPU 263 

3 K3 C-leg2 MPU 232 

4 K3 Rheo3 MPU 210 

5 K2 C-leg2 MPU 249 

6 K3 C-leg2 MPU 243 

7 K2 C-leg2 MPU 235 

8 K3 C-leg2 MPU 310 

9 K3 Plié1 MPU 285 

10 K3 C-leg2 MPU 210 

Manufacturers: 1=Freedom innovations, 2=Ottobock, 3=Össur 

Table 4.2 Development group details 

PNO. Mobility Class Prosthetic knee Knee control method Number of strides 

1 K4 C-leg1 MPU 10 

2 K4 C-leg1 MPU 10 

3 K3 C-leg1 MPU 10 

4 K3 C-leg1 MPU 10 

5 K4 Endolite Mechanical 10 

6 K4 Mauch2 Mechanical 10 

7 K3 C-leg1 MPU 10 

8 K4 Trulife Mechanical 10 

9 K3 X31 MPU 10 

10 K4 X31 MPU 10 

Manufacturers: 1=Ottobock, 2=Össur 
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4.3.2 Algorithm development 

Pelvic movement in sagittal (anterior/posterior tilt), frontal (lateral tilt or obliquity), and transverse 

(pelvic rotation) planes were investigated, and gait phase transition timing was assessed to 

determine their correlation with hip angle throughout the gait cycle. 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 features 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 algorithm for real-time hip angle 

calculation using parameters obtained in steps C and D. 

F. Algorithm performance: 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 transfemoral amputation includes ([157], [103]): 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 flexion decreases ~5° in terminal 

swing to ensure that the prosthetic knee is fully extended before the next foot-strike [53, 57, 119, 

127].   

Hip angle kinematics can be divided into three periods (Fig. 4.1), 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 vector is always positive. 
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• Period 3 (knee control): Knee joint behaviour 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.  

 

Fig. 4.1  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. 

Hip angular velocity was assumed to remain mostly constant throughout each period, 

simplifying the hip angle calculation. Five features were present for all participants; therefore, these 

features were used to calculate the constant angular velocity during each period. Spatial features 

were hip angle at foot strike (HθFS), maximum hip extension angle (HθME), and maximum hip 

flexion angle (HθMF). Temporal features were maximum hip extension time (HτME) and maximum 

hip flexion time (HτMF).  

For period 1 (hip extension), the constant angular velocity was calculated using HθFS, HθME, 

and the difference in time between the two features. For period 2 (hip flexion), the constant angular 

velocity was calculated using HθME, HθMF, and the difference in time between the two features. In 

period 3 (knee control), hip angle was assumed to be constant at HθMF (i.e., zero angular velocity). 

The algorithm uses these angular velocity values to calculate 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, pelvic rotation, and stance time per stride in 

the development group were analyzed to determine common features that could be used to calculate 

the constant hip angular displacement and velocities. Twenty-two magnitudes of three-axis pelvic 
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angle and angular velocities and, three-axis pelvic velocity zero threshold crossing (ZC) timing 

features were identified as potential candidates. 

Next, Pearson 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. 4.2):  

• Pelvic tilt angle at foot strike (PTθFS) and hip angle at foot-strike (HθFS): r=0.95 

• Timing of pelvic rotation angular velocity zero-crossing in early stance (PRτZC) and the hip 

rotation angle range of motion during that period (ΔHθ): r =-0.75 

• Timing of pelvic tilt angular velocity first zero crossing in midstance (PTτZC1) and hip max 

extension time (HτME): r=0.90  

•  PTτZC1 and hip max flexion time (HτMF): r=0.82  

• Stance time (τs) and hip max flexion time (HτMF): r=0.93 

 

Fig. 4.2 Pelvic feature and stance time correlation with hip angle features. A: pelvic tilt angle at 

foot strike (PTθFS) and hip angle at foot-strike (HθFS), B: Timing of pelvic angular velocity zero-

crossing in early stance (PRτZC1) and hip angle range of motion during that period (ΔHθ), C: Timing 

of pelvic tilt angular velocity first zero crossing in midstance (PTτZC1) and hip max extension time 

(HτME), D: Timing of pelvic tilt angular velocity first zero crossing in mid-swing (PTτZC1) and hip 

max flexion time (HτMF), E: stance time (τs) and hip max flexion time (HτMF). 
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PTτZC (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, positive 

zero-crossing is detected (Fig. 4.3).  

PRτZC1 (Timing of pelvic tilt angular velocity first zero crossing in mid-swing) is detectable 

by measuring the pelvic rotation angular velocity zero-crossing (Fig. 4.4). 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. 

 

Fig. 4.3 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. 
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Fig. 4.4 Pelvic rotation angular displacement (A) and corresponding pelvic rotation angular 

velocity (B). 

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, stance time, and hip 

rotation features (Fig. 4.2). 

Regression equation 4.1 calculates hip angle at foot strike. 

𝐻𝜃𝐹𝑆 = 24.27 + (1.45 × 𝑃𝑇𝜃𝐹𝑆)    (4.1) 

where HθFS is hip angle at foot strike and PTθFS is pelvic tilt angle at foot strike. 

Regression equation 4.2 determines ΔHθ using PRτZC (Fig. 4.2). 

∆𝐻𝜃 = −0.6261 − (59.04 × 𝑃𝑅τ𝑍𝐶)     (4.2) 

where PRτZC is the difference between the time of pelvic rotation angular velocity first zero crossing 

and foot-strike time. ΔHθ is the difference between hip angle at foot-strike and hip angle at PRτZC 

time (Fig. 4.3). 
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Regression equation 4.3 calculates hip max extension time using PTτZC. 

𝐻τ𝑀𝐸 = 0.0462 + (1.15 × 𝑃𝑇τ𝑍𝐶)    (4.3) 

where PTτZC is the time of pelvic tilt angular velocity zero crossing and HτME is the hip max 

extension time. 

During stance phase, when pelvic tilt zero crossing (PTτZC) occurs, equation 4.4 is used to 

calculate the hip max flexion time (HτMF). HτMF correlation with PTτZC was 0.82. At the end of 

stance phase, HτMF is updated by using equation 4.5, since the correlation between the end of stance 

phase time (τs) and HτMF is much higher (R = 0.94) than the correlation between PTτZC and HτMF. 

Therefore, algorithm accuracy is improved for the remainder of the gait cycle.  

𝐻τ𝑀𝐹𝛼 = 0.3461 + (1.35 × 𝑃𝑇τ𝑍𝐶)               (4.4)  

where PTτZC is the timing of pelvic tilt zero crossing (Fig. 4.2), and HτMFα is the hip max flexion 

time at the PTτZC instant.  

𝐻τ𝑀𝐹𝛽 = 0.0874 + (1.18 × τ𝑆)    (4.5) 

where τS is the gait stance time, and HτMFβ is max hip flexion time at foot-off. 

D. Per person, unique constants 

For hip angle calculation using the developed algorithm, 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 prosthetist would increase or decrease 

these constants through trial and error for each patient until results are satisfactory [158]. 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. 

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 strategies to maintain balance during walking [159], [160]. The per-person-

specific hip max extension and max flexion angle constants for both development and testing 

groups are provided in Table 4.3 below. 
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Table 4.3 Per-person unique constants of development and testing group datasets 

PNO. 
Development group Testing group 

Hθ̅̅ ̅̅
ME Hθ̅̅ ̅̅

MF Hθ̅̅ ̅̅
ME Hθ̅̅ ̅̅

MF 

1 -23.22 27.86 -4.69 37.14 

2 -17.55 24.06 -5.1 27.93 

3 -3.85 34.74 -10.26 28.02 

4 -10.24 24.29 -9.25 37.33 

5 -22.56 28.52 -10.88 32.82 

6 -25.02 16.05 -7.61 41.01 

7 -12.74 33.50 -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 -15.94 38.64 

Note: Hθ̅̅ ̅̅
ME=Hip max extension angle constant, Hθ̅̅ ̅̅

MF=Hip max flexion angle constant 

E. Hip angle calculation 

Fig. 4.5 shows the general block diagram of the hip angle calculation algorithm for steady state 

gait. Initially, pelvic 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.  

 

Fig. 4.5 Gait cycle hip angle calculation block diagram. 

The six sequences shown in Fig. 4.6 represent six different hip angle equations used in the 

algorithm. Since the algorithm was developed to run in real time, pelvic features are detected by 

the algorithm at different times during the gait cycle (since people walk at different speeds). 
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Therefore, different hip calculation equations are used depending on the timing of each pelvic 

feature detected. The hip extension angle (period 1) is calculated during the first three sequences. 

During sequences 4 and 5, the hip angle during hip flexion (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 Appendix B. 

 

Fig. 4.6 Calculated hip angle throughout the gait cycle. PRτZC: pelvic rotation zero-crossing time, 

PTτZC: pelvic tilt zero-crossing time, HτME: hip max extension time, τs: Stance time, HτMF: hip max 

flexion time. Sequences are foot-strike to PRτZC1 (sequence 1, solid red line), PRτZC1 to PTτZC1 

(sequence 2, solid black line), PTτZC1 to HτME (sequence 3, solid blue line), HτME to τFO (sequence 

4, red dashed line), τFO to HτMF (sequence 5, blue dashed line), and HτMF to the end of the gait cycle 

(sequence 6, black dashed line). 

F. 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 differences 

were compared with participant-averaged hip feature standard deviations in the testing and 

development set. 

4.4 Results 

4.4.1 Development group  

The average differences between motion-captured features and algorithm-calculated data for the 

development group are shown in Table 4.4. 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 had the lowest difference, indicating that pelvic motion temporal features were in sync 
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with hip temporal features during the gait cycles. Hip angle had close agreement between measured 

and calculated data, with correlation values varying from 0.94 to 0.99.  

The mean and standard deviation of hip feature angles for each participant in the development 

group are provided in Table 4.5 Motion-captured hip angle (average and standard deviation) of 

development group walking at a self-paced speed. On average, standard deviations were 1.7° at 

foot-strike, 1.4° at max extension, and 2.0° at max flexion. The mean differences in Table 4.4 were 

compared with the average standard deviation for each participant in Table 4.5. The algorithm-

calculated features were at most 1° greater than the average standard deviations for development 

group participants walking at self-paced speed. 

Table 4.4 Difference and correlation between motion-captured hip angle features and algorithm 

results in the development group 

PNO. HθFS HθME HτME HθMF HτMF Corr 

1 3.0 ± 1.0 1.9 ± 1.6 0.0 ± 0.0 1.1 ± 1.2 0.2 ± 0.0 0.98 ± 0.01 

2 2.5 ± 0.9 1.7 ± 1.1 0.0 ± 0.0 2.8 ± 1.5 0.1 ± 0.0 0.99 ± 0.00 

3 1.1 ± 1.0 2.6 ± 1.8 0.0 ± 0.0 1.0 ± 1.4 0.2 ± 0.0 0.94 ± 0.03 

4 2.6 ± 2.8 3.3 ± 1.9 0.1 ± 0.0 1.8 ± 1.9 0.2 ± 0.1 0.96 ± 0.02 

5 1.6 ± 1.4 3.5 ± 3.5 0.0 ± 0.0 2.8 ± 0.8 0.2 ± 0.0 0.98 ± 0.01 

6 1.0 ± 0.8 3.2 ± 2.8 0.0 ± 0.0 1.9 ± 2.2 0.1 ± 0.1 0.97 ± 0.01 

7 2.6 ± 1.1 2.5 ± 2.5 0.0 ± 0.0 3.3 ± 4.8 0.1 ± 0.1 0.95 ± 0.03 

8 1.7 ± 1.4 1.8 ± 2.1 0.0 ± 0.0 3.1 ± 2.0 0.2 ± 0.0 0.99 ± 0.01 

9 3.6 ± 4.2 2.3 ± 2.6 0.0 ± 0.0 1.7 ± 2.1 0.1 ± 0.0 0.96 ± 0.02 

10 3.2 ± 1.2 1.5 ± 1.1 0.1 ± 0.1 1.6 ± 1.1 0.2 ± 0.0 0.97 ± 0.01 

Mean 2.3 ± 1.3 2.4 ± 1.8 0.0 ± 0.0 2.1 ± 1.7 0.2 ± 0.1 0.99 ± 0.01 

Note: PNO. = Participant number, HθFS = Hip angle at Foot-strike(°), HθME = Hip max extension angle(°), 

HτME = Hip max extension time(sec), HθMF = Hip max flexion angle(°), HτMF = Hip max flexion time(sec), 

Corr = Pearson correlation. 
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Table 4.5 Motion-captured hip angle (average and standard deviation) of development group 

walking at a self-paced speed 

PNO HθFS HθME HθMF 

1 27.4 ± 1.2 23.2 ± 0.6 28.7 ± 1.2 

2 27.9 ± 1.1 17.6 ± 0.5 27.8 ± 1.5 

3 30.2 ± 1.4 3.9 ± 0.5 34.2 ± 1.4 

4 29.2 ± 2.6 12.3 ± 1.9 29.5 ± 2.4 

5 23.2 ± 1.2 22.6 ± 1.3 26.1 ± 0.8 

6 17.5 ± 1.0 25.0 ± 2.3 16.6 ± 2.2 

7 40.4 ± 3.0 12.7 ± 3.3 34.9 ± 4.8 

8 30.7 ± 0.9 1.6 ± 1.0 33.7 ± 2.0 

9 24.3 ± 3.2 17.8 ± 1.5 26.7 ± 2.1 

10 8.4 ± 1.1 20.2 ± 1.3 8.8 ± 1.1 

Mean 25.9 ± 1.7 15.7 ± 1.4 26.7 ± 2.0 

Note: PNO = Participant number, HθFS = Hip angle at foot-strike (°), HθME = Hip max extension angle (°), 

HθMF = Hip max flexion angle (°). 

4.4.2 Testing group  

The algorithm was applied to 2403 strides from the testing group. The outcomes (Table 4.6) showed 

small differences between motion capture and algorithm measured data, similar to the development 

group results (Table 4.4). Mean hip max extension angle had the largest difference (3.4 ± 2.8°). 

Per-participant analysis showed that participant 7 had the largest overall difference compared to 

other participants in the testing group. Participant 7 also had the lowest correlation; however, most 

correlations were greater than 0.95.  

Measured hip features for the testing group are provided in Table 4.7. Although testing group 

participants walked at a fixed speed, the hip feature standard deviations were approximately 0.3° 

more than the development 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 measured and 

calculated hip feature differences in Table 4.6 were compared with the mean hip feature standard 

deviations in Table 4.7. Algorithm-calculated hip angle at foot-strike (2.0°) and hip max flexion 

angle (1.9°) were within the standard deviations for each feature. However, hip max extension 

angle difference was overestimated by 1.2°. 
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Table 4.6 Difference and correlation between the motion-captured hip angle features and the 

algorithm results in the testing group 

PNO. HθFS HθME HτME HθMF HτMF Corr 

1 2.2 ± 1.7 3.1 ± 2.2 0.1 ± 0.0 2.4 ± 1.6 0.1 ± 0.0 0.97 ± 0.01 

2 2.3 ± 1.4 2.8 ± 1.8 0.0 ± 0.0 2.2 ± 1.5 0.0 ± 0.1 0.96 ± 0.01 

3 2.2 ± 1.4 2.3 ± 1.5 0.0 ± 0.0 2.0 ± 1.1 0.2 ± 0.0 0.95 ± 0.01 

4 1.7 ± 1.3 3.1 ± 2.3 0.1 ± 0.0 1.9 ± 1.1 0.0 ± 0.0 0.97 ± 0.01 

5 1.8 ± 1.4 3.5 ± 2.4 0.1 ± 0.0 1.5 ± 1.1 0.2 ± 0.1 0.97 ± 0.02 

6 2.3 ± 1.7 2.9 ± 1.8 0.0 ± 0.0 2.5 ± 2.0 0.0 ± 0.1 0.94 ± 0.03 

7 2.8 ± 1.8 4.5 ± 4.3 0.1 ± 0.1 1.8 ± 1.4 0.3 ± 0.4 0.90 ± 0.09 

8 1.4 ± 1.3 2.8 ± 1.8 0.0 ± 0.0 1.4 ± 1.3 0.0 ± 0.0 0.95 ± 0.02 

9 1.6 ± 1.0 3.4 ± 2.6 0.0 ± 0.0 1.5 ± 1.1 0.1 ± 0.0 0.92 ± 0.02 

10 2.1 ± 2.1 3.1 ± 3.9 0.1 ± 0.0 2.0 ± 1.3 0.1 ± 0.0 0.98 ± 0.01 

Mean 2.0 ± 1.6 3.4 ± 2.8 0.1 ± 0.1 1.9 ± 1.4 0.1 ± 0.2 0.95 ± 0.04 

Note: PNO. = Participant number, HθFS = Hip angle at foot-strike(°), HθME = Hip max extension angle(°), 

HτME = Hip max extension time(sec), HθMF = Hip max flexion angle(°), HτMF = Hip max flexion time(sec), 

Corr = Pearson correlation. 

Table 4.7 Motion captured hip angle (average and standard deviation) of testing group 

PNO. HθFS HθME HθMF 

1 34.5 ± 3.3 4.7 ± 1.8 37.1 ± 2.9 

2 23.4 ± 1.7 5.1 ± 1.9 27.9 ± 2.7 

3 26.1 ± 3.1 10.3 ± 1.8 28.0 ± 2.2 

4 31.3 ± 1.8 9.3 ± 2.6 37.3 ± 2.2 

5 24.8 ± 2.0 10.9 ± 1.8 32.8 ± 1.9 

6 29.9 ± 2.9 7.6 ± 2.2 41.0 ± 3.2 

7 24.3 ± 1.8 4.6 ± 1.6 27.4 ± 2.3 

8 26.7 ± 1.9 9.5 ± 2.2 32.6 ± 1.9 

9 30.4 ± 2.0 7.2 ± 3.4 32.0 ± 1.8 

10 34.7 ± 2.6 15.9 ± 3.0 38.6 ± 2.4 

Mean 28.6 ± 2.3 8.5 ± 2.2 33.5 ± 2.3 

Note: PNO. = Participant number, HθFS = Hip angle at foot-strike (°), HθME = Hip max extension angle (°), 

HθMF = Hip max flexion angle (°). 
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4.5 Discussion 

In this research, we investigated pelvic movements of people with transfemoral amputation 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 physical capabilities to operate the prosthesis [16], [37]. Since only the pelvis 

segment is available for user control of a motorized hip joint, a new approach is required to convert 

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 features (pelvic tilt angle at foot strike, 

timing of pelvic rotation 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 calculation. 

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 correlated 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 (PTτZC) 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 feature 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 capture and algorithm calculated data (R= 0.99 for development group and R= 0.95 for 

testing group). The high correlations indicated that the assumed three-period hip angle model (Fig. 

4.1) closely matched typical hip angles for transfemoral amputees.  

 Motion capture and algorithm-measured hip angle features had small differences for all 

testing and development 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. 
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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. 4.5). 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 outside this range. When the algorithm 

is used in practice for a powered hip control system, the clinician responsible 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.  

While we utilized correlation analysis to identify the relationship between pelvic motions and 

sagittal hip angles, additional biomechanical signal analysis tools, such as wavelet analysis [161], 

and biomechanical pattern recognition approaches, such as machine learning and state estimation 

[162], could be investigated in future research. 

This research used gold-standard 3D motion capture data for pelvic kinematics measurements 

[163]. 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 [164, 

165]. In a study by Berner et al. [164], multiple IMUs were used to measure the kinematics of 

different body segments with high accuracy. In another study, researchers accurately measured 

pelvic kinematics of an able-bodied participant by utilizing a single IMU mounted to the lower 

back [165]. 

In theory, the required pelvic motion input data for the developed algorithm could be provided 

by an IMU integrated into the socket connection component (i.e., IMU moves with the socket, 
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which is attached to the pelvis, to provide pelvis kinematics) and a loadcell in the joint to measure 

applied forces such as at foot strike. Considering the greater reliance of HD amputees on pelvic and 

trunk motions, future 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 available, 

new gait data could be collected with HD participants and used to improve the algorithm. 

Ultimately, the algorithm proposed in this research is an important step towards creating a 

powered hip prosthesis controller that enables more efficient movement in the person's chosen 

environment, potentially with less strain on the lower back and less effort as a result of reduced 

pelvic movements.  

4.5.1 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 fixed-speed steady-state walking reduced the natural gait variation and 

thus contributed to the high accuracy of our algorithm.  

4.6 Conclusion 

A viable algorithm was developed and evaluated to calculate hip angles throughout the gait cycle 

using only pelvis angles and stance time data. This new hip angle calculation method lays the 

groundwork for the future development 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 kinetics analysis, hip angle calculations would 

require sensors in the prosthesis capable of detecting pelvic kinematics and stance phase. 
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Chapter 5: Design and preliminary evaluation of a gait control strategy 

for hip-knee-ankle-foot prosthesis with motorized hip joint 

5.1 Foreword 

This chapter describes the implementation and evaluation of the gait control strategy developed for 

the motorized hip prosthesis prototype, thus continuing to contribute towards addressing thesis 

objective 1: Develop a motorized HKAF prosthesis control strategy for gait initiation, termination, 

and level walking. The framework for the control strategy was adapted from the hierarchical 

approach proposed by Tucker et al. [23], with modifications to address the unique challenges of 

powered hip joint control. Unlike motorized knee prostheses, which rely on hip kinematic and 

ground reaction force,  hip control requires predictive inputs derived from pelvic tilt movements 

(discussed in Chapter 4), prosthetic thigh tilting angle, prosthetic hip sagittal angle, and ground 

reaction force to determine gait subphase, target hip angle and angular velocity. A novel algorithm 

was introduced to estimate this state at high-level controller framework (described in Section 2.4.2). 

Initial testing involved able-bodied participants walking with the prosthesis via an HD 

prosthesis simulator [136], allowing iterative refinement of the algorithm. Feedback from 

subsequent trials with HD participants further guided adjustments to improve responsiveness and 

user comfort. The final control strategy enabled users to initiate, terminate, and adjust walking 

speed for each trial by automatically adjusting the tempo-spatial hip biomechanics. A three-speed 

walk test was conducted with one participant to quantify performance, evaluating the controller’s 

ability to dynamically adjust temporal and spatial parameters across slow, self-paced, and fast 

speeds. 

Contents of this chapter have been submitted to the IEEE Transactions on Neural Systems and 

Rehabilitation Engineering journal for review and eventual publication. The design process detailed 

in this chapter, from simulation-based validation discussed in Chapter 4 to real-world testing, lays 

the foundation for future work to explore engineering methods for developing motorized HKAF 

control strategies. 

5.2 Introduction 

Hip disarticulation (HD) or hemipelvectomy (HP) amputation is a life-altering surgery that can 

severely restrict the mobility of the affected individual. Removal of ankle, knee, and hip joints 

impedes mobility and drastically changes a person’s lifestyle [12]. While a hip-knee-ankle-foot 
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(HKAF) prosthesis can be prescribed, end-user acceptance of the prosthesis is never guaranteed. 

Case studies have shown that walking with an HKAF prosthesis can be a difficult experience with 

a steep learning curve, which not all people are willing to undertake [12, 35]. Moreover, to operate 

the prosthesis, prosthetic users must perform energy-demanding complementary maneuvers such 

as sound-side vaulting (heel hike) and excessive pelvic tilting that can induce muscle fatigue during 

short walks [14]. Over the long term, compensation by the residual limb during walking, sitting 

down, standing up, and climbing stairs can lead to other complications, such as back pain [166]. 

Over the years, many advancements have been made to improve reliability and reduce the 

physical demand for operating HKAF prostheses. However, prosthetic hip joints available on the 

market are primarily passive mechanical joints. In contrast, knee and foot prostheses have 

continued to evolve by utilizing the latest sensors and actuator technologies [98, 122]. Although 

passive prosthetic joints are much lighter than microprocessor-controlled joints, studies and surveys 

have proven that the added weight can be an acceptable compromise [167]. A notable benefit of 

powered knee and ankle prostheses is reduced residual limb compensations during strenuous tasks, 

which can help the prosthetic user walk longer and faster [168].  

Research on motorized HKAF prostheses, particularly for HD and HP amputees, is still in its 

infancy. Currently, studies have only been conducted with able-bodied participants or through 

simulations using alignment setups unsuitable for daily use by HD or HP amputees [16, 30]. This 

lack of comprehensive research leaves the viability of the motorized HKAF approach for HD and 

HP amputees untested. We believe that HD and HP amputees could greatly benefit from a 

motorized HKAF prosthesis. However, a feasibility study would be impossible without a motorized 

HKAF prosthesis prototype compatible with existing prosthetic standards and an intuitive control 

strategy that prosthetic users can easily adapt.  

Recent systematic reviews of motorized knee and ankle prostheses have demonstrated 

significant advancements in design and software approaches [23, 94, 98, 122]. Building upon our 

previous research on single-axis motorized hip joint design [31], we integrated the mechanical 

design using a similar hierarchical control strategy as used in motorized prosthetic knees [23]. This 

enabled us to create and evaluate a new HKAF prosthesis prototype with a motorized hip joint, 

which we named the "Power Hip". 

The primary objective of this study is to develop and validate a gait speed-adaptive control 

strategy that emulates the hip kinematics of TF amputees. To evaluate the prototype, an HD 

participant who had previously used a passive HKAF prosthesis was trained to walk with the Power 
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Hip. In the Carleton University Abilities Living Lab, markerless motion capture was used to 

compare hip joint kinematics and spatiotemporal gait parameters at different walking speed 

between Power Hip and data from TF prosthesis users. The rationale for benchmarking against TF 

amputees stems from the shared use of knee prostheses in both TF and HKAF prostheses. This 

study has the potential to pave the way for a new category of HKAF prostheses, expanding options 

for HD amputees whose needs may not have been met with the currently available choices.  

5.3  Prototype design 

The prototype configuration consisted of an HD socket, the Power Hip module, Össur Rheo knee 

XC, and Össur Proflex foot (Fig. 5.1). In comparison to the original design detailed in [31], the 

Power Hip module’s height was reduced to better accommodate individuals with shorter thigh 

lengths. The final prototype could be worn by HD participants with a minimum lower limb length 

of 77 cm (measured from the ischium to the foot sole) and body mass up to 100 kg. To customize 

the prototype for the participant, their original socket was replicated, and the connecting pylons 

were adjusted to match their overall lower limb height.  

 

Fig. 5.1 Final prototype for Power Hip testing. 
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5.3.1 Power Hip module 

Fig. 5.1 shows a detailed view of the Power Hip module, which comprises the thigh section and the 

joint section. The thigh section houses the motor driver board, main microcontroller, 95.04 Wh (3.3 

Ah) battery, and a data logging board. The data logging board can record sensor data and 

communicate over Bluetooth with a computer for gait control parameter adjustments. The overall 

dimensions of the power module were 261x82x92 mm. 

The Power Hip joint is driven by a 3-phase, brushless DC motor (80 W), initially designed for 

Össur Power Knee, which was modified to be attached to the thigh section. This motor can generate 

a peak torque of 96 N·m and a maximum rotational speed of 300°/sec. The motor is connected to 

the socket via a single-axis joint system to overcome the space limitations near the socket. The hip 

joint system uses a cross-belt drive mechanism initially proposed in [32]. This cross-belt design 

maintains consistent belt tension during clockwise and counterclockwise rotations, thereby 

mitigating the need for additional components such as belt tensioner arms. 

 

Fig. 5.2 Front view, side view, and CAD model of Power Hip module. 1: joint to socket attachment 

plate, 2: pelvic IMU, 3: DC motor, 4: single axis cross-belt drive hip joint, 5: thigh chassis, 6: gait 

controller and data logger, 7: hip joint angle sensor and motor encoder, 8: battery, 9: motor driver 

and thigh IMU, 10: loadcell and ADC board. 

The Power Hip module is equipped with four sensors to collect essential feedback data needed 

for the gait control algorithm. These sensors include the pelvic inertial measurement unit (IMU), 

thigh IMU, hip angle sensor, and load cells (Fig. 5.2). The pelvic IMU is positioned on the joint-
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to-socket attachment plate to measure pelvis angle and angular velocity. The thigh IMU is within 

the chassis and measures the prosthetic thigh angle. The hip angle sensor is integrated into the DC 

motor casing to measure the angle and velocity of the hip joint relative to the pelvis. Load cell strain 

gauges are installed at the base of the chassis to measure axial force. 

Gait control, sensor data processing, and data logging functions are managed by an ESP32-

WROOM-S3 microcontroller situated on the primary electronic board. This microcontroller also 

interfaces with the motor driver board within the chassis to execute actuation commands. 

Furthermore, the microcontroller facilitates wireless communication with a PC, enabling real-time 

adjustment of gait control parameters during prosthetic fitting and participant training sessions. 

5.4 Gait control strategy architecture  

The gait control strategy was structured according to the hierarchical control framework established 

by Tucker et al. [23]. As illustrated in Fig. 5.3, at the highest level, the prosthetic user’s intended 

activity is determined and the target hip states (hip angle 𝜃𝑇𝑎𝑟𝑔𝑒𝑡, hip angular velocity 𝜔𝑇𝑎𝑟𝑔𝑒𝑡) 

are calculated and passed to the mid-level controller. The mid-level controller applies a control law 

to derive the target actuator torque (𝜏𝑇𝑎𝑟𝑔𝑒𝑡). At the lowest level, 𝜏𝑇𝑎𝑟𝑔𝑒𝑡 is converted into motor 

actuation signals through a field-oriented control (FOC) system.  

 

Fig. 5.3 Power Hip control strategy framework. 𝜃𝐻𝑖𝑝, 𝜔𝐻𝑖𝑝: Hip joint angle and angular velocity 

relative to the socket. 𝜃𝑇𝑎𝑟𝑔𝑒𝑡, 𝜔𝑇𝑎𝑟𝑔𝑒𝑡: Target hip angle and angular velocity relative to the socket. 

𝜃𝑃𝑒𝑙𝑣𝑖𝑠, 𝜔𝑃𝑒𝑙𝑣𝑖𝑠: Pelvic tilt absolute angle and angular velocity. 𝜃𝑇ℎ𝑖𝑔ℎ: Prosthetic tight absolute 

angle. 𝜏𝑇𝑎𝑟𝑔𝑒𝑡: Target motor output torque. Φ: Gait sub-phase number.   

During ambulation, hip joint kinetics and kinematics vary depending on the gait state and 

walking speed. Therefore, it is essential for the high-level controller to accurately determine the 

desired gait state and speed to compute the target hip states. This process involves segmenting the 
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gait cycle into discrete sub-phases (Φ) and detecting sub-phase transitions using a finite-state 

machine. For each identified activity mode, specific algorithms are used to estimate the desired gait 

speed and compute the target hip states relative to the estimated gait speed. The high-level 

controller algorithms in this study were developed based on the kinetic and kinematic 

characteristics of TF amputee gait with a microprocessor-controlled knee. Utilizing chained 

kinematics, the moment induced at the prosthetic knee joint is projected from the hip joint torque. 

Thus, by closely replicating the hip kinematics of TF amputees, it is theoretically possible for Power 

Hip users to achieve gait characteristics similar to those of TF amputees. 

The mid-level controller regulates prosthetic joint impedance. Excessive joint impedance is 

undesirable since it may overpower the prosthetic user or interfere with fine adjustments required 

for altering gait characteristics during ambulation. Power Hip joint impedance can be dynamically 

adjusted for each activity mode using an impedance-based controller, given by 

𝜏𝑡𝑎𝑟𝑔𝑒𝑡 = 𝐾(𝜃𝑇𝑎𝑟𝑔𝑒𝑡 − 𝜃𝐻𝑖𝑝) + 𝐵(𝜔𝑇𝑎𝑟𝑔𝑒𝑡 − 𝜔𝐻𝑖𝑝)   (5.1) 

where K is the stiffness coefficient, B is the dampening coefficient, 𝜃𝐻𝑖𝑝 is the measured prosthetic 

hip angle, and 𝜔𝐻𝑖𝑝 is the measured prosthetic hip angular velocity [122].   

Each prosthesis user has unique gait kinematic variations and joint impedance preferences. 

We incorporated tunable parameters in our control strategy to account for these variations. Tunable 

finite state condition parameters can adjust the state machine’s sensitivity during each activity mode 

transition. Tunable gait characteristics parameters can adjust the magnitude of temporal and spatial 

parameters (range of motion, swing time, stance time, etc.). The tunable gain matrix at the mid-

level controller can adjust the joint stiffness and dampening for each activity mode. The algorithms 

and tuning process for the high- and mid-level controllers are discussed in the following 

subsections.  

5.4.1 Gait events and finite state machine  

The high-level controller utilizes a finite state machine to determine the transition between 

sequential sub-phases of gait cycle and calculates the new activity sub-phase target hip angles 

(𝜃𝑇𝑎𝑟𝑔𝑒𝑡) and angular velocities (𝜔𝑇𝑎𝑟𝑔𝑒𝑡). These activity sub-phases are defined as gait cycle sub-

divisions, based on changes in kinetics and kinematics throughout the cycle [169, 170]. For the 

Power Hip control strategy, these sub-phases are based on TF amputee hip kinetics and kinematics 

during gait phase transitions, hip extension-flexion rotation vectors, and hip joint power vectors 

[171]. As illustrated in Fig. 5.4, six gait sub-phases were defined for the finite state machine: gait 
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initiation (GI), loading response (ST1), mid stance (ST2), pre-swing (ST3), early to mid swing 

(SW1), and terminal swing (SW2). The transition between the gait sub-phases follows a pre-defined 

cyclic path (Fig. 5.5). The rules for executing each transition are unique and use single to several 

sensor inputs. Through tests and trials with HD participants, we determined that an optional 

transition between SW1 and ST1 events was necessary to ensure uninterrupted walking.   

 

Fig. 5.4 Power Hip gait cycle compared to conventional gait states according to Perry and Burnfield 

[38], and relative to transfemoral amputee hip kinematics and kinetics [155]. 



 

78 

 

 

Fig. 5.5 Power Hip finite state machine with gait event transition paths and transition rules. 𝜃𝐻𝑖𝑝: 

measured prosthetic hip angle,  𝜃𝑇ℎ𝑖𝑔ℎ: prosthetic thigh absolute tilt angle,𝜃𝑇𝑎𝑟𝑔𝑒𝑡: target prosthetic 

hip angle, 𝐹: prosthetic chassis axial force, 𝐹̇: prosthetic chassis axial rate of force, BW: prosthetic 

user’s body weight, 𝑡ℎ1: rate of force threshold to detect ipsilateral to contralateral load transfer, 

𝑡ℎ2: force threshold to detect foot-off, 𝑡ℎ3: rate of force threshold to detect contralateral to 

ipsilateral load transfer. 

GI is a non-cyclic subphase representing the starting point of walking from an idle standing 

posture. During GI and before transition to ST3, the Power Hip continuously applies low-

impedance negative power (dampening torque) to dampen hip flexion and hip extension motions, 

helping the prosthetic user maintain an upright posture when standing. Exiting from GI to ST3 

requires the user to swing the contralateral limb forward, causing the center of mass (COM) to fall 

while the dampening torque at the prosthetic hip controls COM descent speed [172]. During the GI 

to ST3 transition, the prosthetic hip joint is extended (ST2 & GI in Fig. 5.4), the prosthetic thigh is 

tilted back, and at the end of ST2 & GI, when entering double limb support, a sudden load transfer 

from the prosthetic side to the intact side occurs (𝐹̇ < 𝑡ℎ𝑟𝑒𝑠ℎ𝑜𝑙𝑑 < 0 N/s, F > 0 N) [172, 173]. 

Therefore, a transition rule was defined using sensor measurements of prosthetic hip angle (𝜃𝐻𝑖𝑝), 

prosthetic thigh angle (𝜃𝑇ℎ𝑖𝑔ℎ), and rate of axial force (𝐹̇). The transition from GI to ST3 shares 

similarities with the transition from ST2 to ST3 in terms of kinetics and kinematics characteristics 

[173]. However, stricter rules were established for the GI to ST3 transition to prevent false 

detections when the prosthetic user sways side to side or back and forth while idly standing.  

ST3 is the shortest gait subphase and occurs during pre-swing. As shown in Fig. 5.4, to prepare 

for swing phase, a large positive hip power (assistive torque) is needed before foot-off to perform 

knee flexion and achieve adequate toe clearance from the ground [174]. Therefore, the Power Hip 

must continuously produce hip flexion assistive torque until the transition from stance to swing is 

complete (F ≤ Threshold > 0 N), ending the transition to SW1 and starting swing phase.  



 

79 

 

SW1 occurs during early to mid-swing. During this period, a constant hip flexion velocity is 

applied to maintain the knee flexion moment through chained kinematics and sustain toe-to-ground 

clearance as the foot moves forward underneath the body [175]. The transition from SW1 to SW2 

is achieved when the hip angle reaches the target hip flexion angle calculated (𝜃𝐻𝑖𝑝 ≥ 𝜃𝑇𝑎𝑟𝑔𝑒𝑡). 

Alternatively, for safety, if load transfer to the prosthetic side or ground reaction force is sensed 

during SW1 (𝐹̇ > Threshold > 0 N/s or 𝐹 > 0 N), the state machine will promptly enforce transition 

to ST1 and end the swing phase.  

SW2 is a simple buffer gait event where the Power Hip maintains the target hip flexion angle 

until foot strike is achieved. Hence, the Power Hip must produce assistive torques in flexion and 

extension at high impedance (resisting external moment). Similar to SW1, SW2 transitions to 

stance phase, and ST1 occurs when load transfer from the intact side to the prosthetic side is sensed 

(𝐹̇ > Threshold > 0 N/s or 𝐹 > 0 N).  

ST1 represents the gait cycle's early- to mid stance stages where the prosthetic limb is anterior 

to the body. At this stage, an assistive hip extension torque must be induced to push the COM 

upward [176]. Once max COM height is reached (𝜃𝐻𝑖𝑝 ≤ 0°), transition to ST2 is achieved. 

ST2 mirrors the GI, where the Power Hip must apply continuous braking torque to resist hip 

flexion and control COM descent. However, the ST2 to ST3 transition rules are more lenient than 

the GI to ST3 transition rules since the prosthetic user is already in steady-state walking motion 

and load transfer to the prosthetic side is inevitable once max hip extension is achieved. Moreover, 

ST2 can act as a gait terminator. Suppose the transition to ST3 is not accomplished within a 

specified time limit (less than or equal to the past stride duration). In this case, the finite state 

machine will infer that the prosthetic user intends to interrupt the gait cycle and cease walking, 

ultimately reverting to the GI sub-phase. 

As shown in Fig. 5.6, three thresholds (𝑡ℎ1, 𝑡ℎ2, 𝑡ℎ3) are used to fine-tune transition rule 

sensitivity in response to loading and unloading the prosthesis. Given that the force and rate of 

force applied onto the prosthesis are relative to the prosthetic user’s body weight (BW), the process 

of tuning these thresholds can be streamlined by enabling the microcontroller to automatically scale 

these force parameters relative to the participant's BW, thereby normalizing the threshold values.    
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Fig. 5.6 Sample participant’s Power Hip axial force and rate of force normalized for body weight 

relative to the thresholds. 

5.4.2 Gait speed adaptation 

Changes in gait speed depend on stride length and cadence [177]. During assistive torque gait sub-

phases (ST1, ST3, SW1), through chained kinematics, the Power Hip is able to adjust stride length 

and cadence by calculating target hip states (𝜃𝑇𝑎𝑟𝑔𝑒𝑡, 𝜔𝑇𝑎𝑟𝑔𝑒𝑡). Conversely, calculating target hip 

states for gait sub-phases that require dampening torque (GI, ST2, SW2) are unnecessary since the 

contralateral limb controls prosthesis actuation through COM movement. In the scope of this 

research, we developed a gait speed adaptation algorithm capable of assessing the prosthetic user’s 

stride length and cadence-dependent biomechanical attributes and subsequently calculating the 

target hip states before entering each generative torque gait sub-phase. 

5.4.2.1 Hip flexion target states 

Target hip flexion angle (𝜃𝑇𝑎𝑟𝑔𝑒𝑡) calculation is performed at the end of either GI to ST3 or ST2 

to ST3 transitions. The method for calculating 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 is based on previous studies that established 

the correlation between the trailing limb angle and stride length [178, 179]. Garcia et al.'s 

mathematical model first proposed this correlation [178], and later was validated by McGrath et al. 

[179]. Given that the trailing limb angle can be used to determine stride length [178], and since 
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through chained kinematics hip range of motion defines stride length, the per-stride target hip 

flexion angle can be calculated using the equation 

𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = |𝜃𝑇ℎ𝑖𝑔ℎ| × 𝑟𝜃𝑓𝑙𝑒𝑥𝑖𝑜𝑛   (5.2) 

where 𝜃𝑇ℎ𝑖𝑔ℎ is the prosthetic thigh tilting angle (trailing limb’s angle) and 𝑟𝜃𝑓𝑙𝑒𝑥𝑖𝑜𝑛 is a ratio 

between  𝜃𝑇ℎ𝑖𝑔ℎ and 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 that can be adjusted (from the initial value of 1) by the clinician during 

Power Hip gait training.  

The target hip flexion angular velocity (𝜔𝑇𝑎𝑟𝑔𝑒𝑡) can be calculated during stance phase in 

three consecutive instances (𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 1, 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 2, 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3) since gait kinetic and kinematics 

data are continuously obtained by the sensors throughout the gait cycle. By averaging the calculated 

instances, 𝜔𝑇𝑎𝑟𝑔𝑒𝑡 can be dynamically adjusted for more accurate estimations before ST3 and foot-

off [180].  

The first instance occurs during either GI or ST2, where the logarithmic relationship between 

stride length (hip range of motion) and cadence (hip flexion velocity) can be used to calculate 

𝜔𝑇𝑎𝑟𝑔𝑒𝑡. From very slow walking speeds (≤ 0.5m/s), as the prosthetic user gradually increases their 

gait speed, the stride length increase tends to be favoured more than cadence increase [181, 182]. 

However, due to biomechanical limitations, an indefinite increase in stride length to achieve faster 

walking speeds is not sustainable [183]. Thus, prosthetic users will gradually favour increased 

cadence to achieve faster walking speeds. In the Power Hip control strategy, this relationship can 

be expressed as  

𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 1 = ln (1 −
𝜃𝑇𝑎𝑟𝑔𝑒𝑡 𝑅𝑂𝑀 

𝜃Max ROM
) × 𝑆𝐶  (5.3) 

where 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 1 is the first instance of target hip flexion angular velocity,  

𝜃𝑇𝑎𝑟𝑔𝑒𝑡 𝑅𝑂𝑀 = 𝜃𝐻𝑖𝑝 − 𝜃𝑇𝑎𝑟𝑔𝑒𝑡    (5.4) 

𝜃Max ROM is tunable maximum hip flexion range of motion and 𝑆𝐶 is a speed constant that can be 

adjusted to change the logarithmic rate (Fig. 5.7). Adjustment of 𝜃Max ROM can influence the 

maximum achievable stride length on the prosthetic side while 𝑆𝐶 adjustments will determine how 

early the cadence is favoured over the stride length as walking speed increases.  
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Fig. 5.7 Logarithmic relationship example between hip flexion range of motion (𝜃𝑇𝑎𝑟𝑔𝑒𝑡 𝑅𝑂𝑀) and 

hip flexion speed (𝜔𝑇𝑎𝑟𝑔𝑒𝑡) as speed constant 𝑆𝐶 is adjusted. Increasing 𝑆𝐶 will increase the rate at 

which hip flexion speed (cadence) contribution to the gait speed is favoured over the hip flexion 

range of motion (stride length). 

The second target hip flexion angular velocity calculation instance occurs when pelvic tilt 

rotation changes from posterior pelvic tilt to anterior pelvic tilt, during stance phase. In our past 

study on TF amputee pelvic kinematics [180], hip flexion duration was highly correlated and had 

a linear relationship with the timing of pelvic tilt posterior-to-anterior rotation direction change 

event. This pelvic tilt event can be detected when pelvic tilt angular velocity (𝜔𝑃𝑒𝑙𝑣𝑖𝑠), measured 

by a pelvis IMU, crosses the zero deg/s threshold from negative to positive. This linear relationship 

can be used to calculate hip flexion time and the second instance of target hip flexion angular 

velocity using equation (5.5) 

𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 2 =
𝜃𝑇𝑎𝑟𝑔𝑒𝑡 𝑅𝑂𝑀

𝑟𝑍𝐶× 𝑡𝑃𝑒𝑙𝑣𝑖𝑐 𝑍𝐶+𝑏𝑍𝐶
    (5.5) 

where 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 2 is the calculated hip flexion velocity at pelvic tilt velocity zero-crossing, 

𝑡𝑃𝑒𝑙𝑣𝑖𝑐 𝑍𝐶  is the time at which the 𝜔𝑃𝑒𝑙𝑣𝑖𝑠 zero-crossing is detected, 𝑟𝑍𝐶 is a tunable linear 

coefficient, and 𝑏𝑍𝐶 is a tunable bias coefficient (between 𝑡𝑃𝑒𝑙𝑣𝑖𝑐 𝑍𝐶 and hip flexion duration). Initial 

values of 𝑟𝑍𝐶 = 1.35 and 𝑏𝑍𝐶 =  0.3461 were based on our analysis of TF amputee's gait 

kinematics in [180]. Reducing either of these parameters results in faster hip flexion speed.  

The third target hip flexion angular velocity calculation occurs during stance to swing phase 

transition. The linear relationship between stance duration and swing duration was used to calculate 

hip flexion time and 𝜔𝑖𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3. The linear relation between swing phase and stance phase duration 

in able-bodied individuals is well understood [184]. This linear relationship is maintained between 
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stance phase duration and SW1 [180]. Thus, the target hip flexion angular velocity during the third 

instance can be calculated using equation (5.6)  

𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3 =
𝜃𝑇𝑎𝑟𝑔𝑒𝑡 𝑅𝑂𝑀

𝑟𝑆𝑡𝑎𝑛𝑐𝑒× 𝑡𝑆𝑡𝑎𝑛𝑐𝑒+𝑏𝑆𝑡𝑎𝑛𝑐𝑒
  (5.6)    

where 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3 is the calculated hip flexion velocity at foot-off, 𝑡𝑆𝑡𝑎𝑛𝑐𝑒 is the measured stance 

phase duration, 𝑟𝑆𝑡𝑎𝑛𝑐𝑒 is a tunable linear ratio, and 𝑏𝑆𝑡𝑎𝑛𝑐𝑒 is a tunable bias factor (between stance 

duration and hip flexion duration). The initial values of 𝑟𝑆𝑡𝑎𝑛𝑐𝑒 = 1.18 and 𝑏𝑆𝑡𝑎𝑛𝑐𝑒 = 0.0874 were 

based on our prior study [180]. 

Once all instances of target hip flexion angular velocity are calculated, they are averaged to 

obtain hip flexion 𝜔𝑇𝑎𝑟𝑔𝑒𝑡. However, as mentioned in Section 5.4.1, to achieve knee flexion during 

ST3, the Power Hip should produce hip flexion generative torque before transitioning to swing 

phase, hence 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3 cannot be used at ST3 since the 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 3 equation is dependent on 

 𝑡𝑆𝑡𝑎𝑛𝑐𝑒. Therefore, while all three instances are averaged to calculate 𝜔𝑇𝑎𝑟𝑔𝑒𝑡 for SW1, only 

𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 1 and 𝜔𝐼𝑛𝑠𝑡𝑎𝑛𝑐𝑒 2 are averaged for ST3. 

5.4.2.2 Hip extension target states 

During ST1, the Power Hip produces a hip extension generative torque to push the centre of mass 

upward until the hip equilibrium angle (hip angle at idle stand) is reached; hence, 𝜃𝑡𝑎𝑟𝑔𝑒𝑡 = 𝜃𝐸𝑞𝑢. 

The target hip extension velocity can be calculated by assuming that changes in gait speed occur 

gradually. Since a person typically completes at least one to three strides to reach a steady-state 

gait speed, between each stride, the temporal changes due to gait speed adjustments are small [185]. 

Considering this assumption and the fact that stride duration and stance duration have a strong 

linear correlation [186], the target angular velocity during ST1 can be expressed as 

𝜔𝑇𝑎𝑟𝑔𝑒𝑡 =
 𝜃𝐸𝑞𝑢− 𝜃𝐻𝑖𝑝 

𝑡𝐿𝑎𝑠𝑡 𝑠𝑡𝑟𝑖𝑑𝑒  × 𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒
  (5.7) 

where 𝜃𝐻𝑖𝑝 is hip flexion at foot strike, 𝑡𝐿𝑎𝑠𝑡 𝑠𝑡𝑟𝑖𝑑𝑒 is the previous stride’s total duration, and 

𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒 is a tunable ratio that determines the ST1 duration relative to the last stride’s total duration.  

5.5 Experiment protocol 

Prosthesis testing and data presentation received ethical approval from the University of Ottawa 

Ethics Board (H-08-21-7062) and Carleton University Ethics Board (122696). One participant, 

who met all inclusion criteria, took part in the Power Hip prototype assessment. The inclusion 
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criteria required that the participant have a unilateral HD amputation of the right limb, body weight 

between 40 kg and 100 kg, functional classification level of K2–K4, ability to ambulate without 

assistance or walking aids, be over 18 years of age, have at least three months experience using an 

HD prosthesis, and be proficient in English. 

The participant provided informed consent for training with the Power Hip and subsequent 

gait evaluation. This individual, who sustained a right traumatic HD amputation, was prescribed an 

Ottobock Helix3D hip joint, an Ottobock C-Leg knee joint, and Otto Bock Terion K2 foot. At the 

time of data collection, the participant had six years of experience using their HKAF prosthesis. 

The participant was an active prosthetic user, 25 years old, 1.80 m tall, weighing 64 kg, and used 

their prosthesis almost daily. 

After fitting with the Power Hip prosthesis by a certified prosthetist, ten training sessions were 

completed that involved gait initiation, gait termination, and self-paced walking (progressing from 

walking between parallel bars to unassisted walking). Throughout training, the general gait control 

algorithm and participant-specific tunable parameters were adjusted based on observations, 

participant feedback, and Power Hip kinetic and kinematic data obtained from sensors. The training 

was considered successful when the participant was able to walk outside of the parallel bars without 

assistance. 

To evaluate the Power Hip prosthesis’s ability to replicate TF amputee kinematics, an 

experimental test protocol was developed. This protocol assessed biomechanical changes across 

multiple walking speeds using markerless motion capture (Mocap) technology. The participant 

performed three walking trials per speed condition (self-paced, fast, slow), walking back and forth 

within a motion capture area five times for each trial, totaling 15 straight walkways. All trials were 

performed in the Ability Living Lab at Carleton University. The use of Mocap ensured 

compatibility with existing biomechanical datasets, which predominantly rely on motion capture 

methodologies, enabling direct comparison and minimizing methodological discrepancies to TF 

amputee gait patterns [154]. 

During the data collection session, the participant wore the Power Hip prosthesis and warmed 

up by walking for one minute. Once the participant was ready, they walked within the motion 

capture area while sensor data from the Power Hip (motor torque, angular velocity, control strategy 

subphase transitions) were recorded at 500 Hz via an onboard microcontroller and stored on a 

microSD card and Theia3D markerless motion capture technology (Theia Markerless Inc.) was 

used to collect total body 3D movement data at 100 Hz. 
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5.5.1 Data analysis 

Raw motion data were processed using the Theia3D software (version 2024-1-0-4409), which 

automatically mapped anatomical key points to a 13-segment, six-degree-of-freedom 

biomechanical model (feet, shanks, thighs, pelvis, trunk, head, upper arms, forearms). The resultant 

skeletal position coordinates were imported into Visual3D (v2024.07.2), where a customized 

processing pipeline estimated lower-extremity joint angles and angular velocities. Processed 

kinematic data were exported to MATLAB (R2024a) for outcome measure calculations, including 

peak hip flexion/extension kinematics, peak knee flexion kinematics and gait phase durations. 

Power Hip algorithm calculations and sensor data were extracted from the SD card and 

segmented into individual strides using MATLAB, with stride events synchronized to motion 

capture derived foot-strike and foot-off timings. Generated motor torque was normalized to 100% 

of stride and time series were averaged across all strides. Algorithm outputs (sub-phase durations, 

target hip flexion angle and angular velocity) for each stride were averaged across strides for each 

trial. 

To assess speed adaptability, motion-captured hip and knee kinematics (e.g., peak 

flexion/extension angles, angular velocity profiles) were compared to a reference dataset of TF 

amputee gait kinematics [154].  

5.6 Results 

A total of 60 strides were recorded during walking trials (10 strides for each walk speed) involving 

the Power Hip prosthesis. The participant successfully completed all three walking speed trials on 

the first attempt, demonstrating consistent balance maintenance and independence from spotter 

assistance throughout the protocol. 

5.6.1 Control strategy calculations 

When walking back and forth within the capture area, the participant would perform a controlled 

turn and then pause for 3 seconds to allow the gait controller to reset to the default gait initiation 

(GI) subphase before starting the next round. Throughout the trials, the Power Hip microcontroller 

continuously logged sensor measurements, while the microcontroller performed real-time 

algorithmic processing. A summary of the sensor data, control outputs, and Power Hip motor 

kinetics are provided in Fig. 5.8 and Table 5.1. 

All gait subphases (ST1, ST2, ST3, SW1, SW2) were identified for each trial, as shown with 

different color shading in Fig. 5.8. The ST1, ST2, and ST3 subphases were completed before the 
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transitions from stance to swing phase, while the hip joint continually extended during ST1 and 

ST2, followed by flexion initiation in ST3. This biomechanical transition coincides with the 

polarity change of motor power output. During ST2, the Power Hip predominantly generated 

negative power (-0.21 ± 0.09 W/kg), reflecting energy dissipation to stiffen the joint and prevent 

hyperextension. During ST3, power polarity changes to positive assistive power (0.36 ± 0.14 

W/kg), facilitating the change in hip rotation direction from extension to flexion. 

As shown in Table 5.1, ST2, SW1, and SW2 durations decreased with increasing walking 

speed, while ST3 duration remained unchanged between slow (0.19 ± 0.01 s) and self-paced 

walking (0.19 ± 0.02 s). Conversely, ST1 duration increased at fast walking speeds (0.48 ± 0.03 s 

for fast, 0.43 ± 0.07 s for self-paced), diverging from trends observed in other subphases. The target 

hip flexion angle (𝜃𝑇𝑎𝑟𝑔𝑒𝑡) calculated using Equation (5.2) increased linearly with speed. However, 

calculated hip extension velocities were consistently lower than measured motor velocities (mean 

difference: 12.3 ± 3.1%), indicative of over-restricted dampening controls. Target hip flexion 

velocity was slower during self-paced walking (31.34 ± 7.52 deg/s) than during slow walking 

(34.30 ± 9.72 deg/s), while extension velocity increased predictably with speed. Despite the 

discrepancies in target velocity calculation trends, peak assistive (positive) / dampening (negative) 

motor output powers and measured trailing angles scaled with walking speed. 

Table 5.1 Power Hip control strategy calculations at different walking speeds 

Parameters Slow Self-paced Fast 

ST1 time (s) 0.45 ± 0.06 0.43 ± 0.07 0.48 ± 0.03 

ST2 time (s) 0.39 ± 0.05 0.31 ± 0.06 0.24 ± 0.04 

ST3 time (s) 0.19 ± 0.01 0.19 ± 0.02 0.15 ± 0.01 

SW1 time (s) 0.36 ± 0.16 0.24 ± 0.07 0.20 ± 0.03 

SW2 time (s) 0.25 ± 0.12  0.23 ± 0.06 0.20 ± 0.03 

Target hip flexion angle (𝜃𝑇𝑎𝑟𝑔𝑒𝑡) 17.30 ± 1.57 17.33 ± 2.81 18.71 ± 1.68 

Flexion 𝜔𝑇𝑎𝑟𝑔𝑒𝑡  (deg/s) 34.30 ± 9.72 31.34 ± 7.52 52.01 ± 6.90 

Extension 𝜔𝑇𝑎𝑟𝑔𝑒𝑡  (deg/s) -16.80 ± 9.60 -18.12 ± 8.04 -28.92 ± 9.60 

Max motor dampening power (W/kg) 0.60 ± 0.07 0.70 ± 0.08 0.79 ± 0.10 

Max motor assistive power (W/kg) 0.24 ± 0.07 0.37 ± 0.16 0.43 ± 0.07 

Trailing limb angle (𝜃𝑇ℎ𝑖𝑔ℎ) 33.58 ± 2.60 34.10 ± 4.49 35.93 ± 2.58 
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Fig. 5.8 Power Hip sensor measurements and the control strategy calculated gait subphases for each 

walking speed.  

5.6.2 Motion capture measurements and comparison to TF dataset 

The participant on average walked at 0.69 m/s for slow, 0.90 m/s for self-paced, and 1.01 m/s for 

fast walking speeds. Motion captured kinematic outcomes were compared to a reference dataset of 

five TF amputees walking at closest matched speeds of 0.7 m/s, 0.8 m/s, and 1.0 m/s (total strides: 

520) [154]. Results are summarized in Fig. 5.9 and Table 5.2. 

Both TF and Power Hip groups initiated hip flexion before stance-to-swing phase transitions 

(Fig. 5.9). Maximum hip extension velocities were comparable between Power Hip (60.15 to 

104.88 deg/s), and TF (61.42 to 128.29 deg/s). At slow speeds, the Power Hip group had higher 

maximum hip flexion velocities than the TF group (Power Hip: 153.87 ± 18.31 deg/s; TF: 132.99 

± 10.72 deg/s). However, at faster speeds, TF amputees had greater hip flexion velocity (Power 

Hip: 149.06 to 234.70 deg/s; TF: 201.87 to 253.71 deg/s). 

Notable differences emerged in knee kinematics. TF amputees exhibited 2.1° to 5.0° greater 

swing-phase knee flexion magnitude and consistently greater knee flexion velocities across all 

speeds (Power Hip: 171.74 to 303.51 deg/s; TF: 223.66 to 460.56 deg/s).  
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As quantified in Table 5.2, TF amputees exhibited consistent speed-related adaptations: hip 

and knee ROM and angular velocities increased with walking speed while stride duration, stance 

phase, and swing phase durations decreased. The Power Hip results mirrored these trends for ROM, 

angular velocities, and stride/stance phase reductions. However, unlike TF amputees, the Power 

Hip results maintained similar swing phase durations between self-paced and fast walking 

conditions, diverging from the expected inverse relationship between speed and swing time 

observed in the TF group. 

 

Fig. 5.9 Average hip and knee kinematics of Power Hip and TF amputees [154]. 
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Table 5.2 Average and standard deviation for motion capture results for Power Hip and 

transfemoral gait [154]. Transfemoral walking speed was fixed for each condition. 

Parameters Prosthesis type Slow Self-paced Fast 

Walking speed (m/s) 
Power Hip 0.69 ± 0.04 0.90 ± 0.04 1.01 ± 0.05 

Transfemoral 0.70 0.80 1.00 

Stride time (s) 
Power Hip 1.68 ± 0.06 1.48 ± 0.08 1.41 ± 0.05 

Transfemoral 1.39 ± 0.05 1.33 ± 0.05 1.20 ± 0.03 

Stance time (s) 
Power Hip 0.99 ± 0.06 0.85 ± 0.05 0.80 ± 0.05 

Transfemoral 0.91 ± 0.04 0.90 ± 0.03 0.81 ± 0.02 

Swing time (s) 
Power Hip 0.69 ± 0.04 0.62 ± 0.03 0.62 ± 0.03 

Transfemoral 0.48 ± 0.04 0.43 ± 0.02 0.39 ± 0.01 

Max hip extension (deg) 
Power Hip -14.90 ± 2.20 -16.55 ± 1.80 -16.44 ± 2.05 

Transfemoral -10.61 ± 0.85 -21.73 ± 2.86 -21.84 ± 4.08 

Max hip flexion (deg) 
Power Hip 27.93 ± 2.51 28.43 ± 2.18 32.03 ± 1.46 

Transfemoral 38.77 ± 1.09 33.45 ± 2.94 33.88 ± 1.76 

Max hip extension velocity 

(deg/s) 

Power Hip -69.84 ± 9.69 -88.52 ± 14.07 -92.17 ± 12.71 

Transfemoral -68.43 ± 7.01 -105.65 ± 9.67 -119.17 ± 9.12 

Max hip flexion velocity 

(deg/s) 

Power Hip 153.87 ± 18.31 175.52 ± 26.46 210.71 ± 24.07 

Transfemoral 132.99 ± 10.72 217.07 ± 15.20 234.35 ± 16.36 

Max knee flexion (deg) 
Power Hip 44.56 ± 3.34 50.33 ± 3.80 55.05 ± 2.78 

Transfemoral 48.73 ± 3.14 56.05 ± 4.83 58.99 ± 3.02 

Max knee flexion velocity 

(deg/s) 

Power Hip 204.62 ± 32.88 247.01 ± 32.05 275.18 ± 28.33 

Transfemoral 248.41 ± 24.34 382.44 ± 23.45 431.86 ± 28.70 

5.7 Discussion  

In this study, we introduced a new Power Hip prosthesis with a gait-speed adaptable control 

strategy framework specifically designed for unilateral HD amputees, laying the foundation for 

motorized HKAF prosthesis locomotion. The results demonstrated that this viable prototype 

prosthesis, which is self contained (i.e., no external batteries or control boards) and fits underneath 

clothing, can enable walking at a range of speeds expected in the community and provide 

performance similar to TF amputees. Comparison to TF amputee prosthesis users is relevant since 

both groups walk with a prosthetic knee and foot. 

The prototype prosthesis was designed to be compatible with conventional HD prosthesis 

sockets and rely solely on internal sensors for decision-making and activity control, eliminating the 

need for prosthetic users to wear additional sensors. The Power Hip and control strategy evaluation 

involved a HD participant, in contrast to lower extremity HKAF prosthesis development research 

in recent years which only tested their powered prosthesis on able-bodied participants [122].  

5.7.1 Parameter tuning considerations 

The final iteration of the tuned parameters is summarized in Appendix C. During training with the 

Power Hip, adjustments to some tunable parameters were required as the participant grew more 
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confident with the prototype. The changes made to tunable parameters followed a consistent trend 

as the participant gained proficiency: 

• Finite state machine transition rule sensitivity was reduced due to quicker load transfer 

between intact and prosthetic limbs, resulting in improved load symmetry as the person 

decreased their reliance on parallel bars. 

• The calculated minimum target angular velocity and cadence had to be increased by 

reducing the 𝑟𝑍𝐶, 𝑟𝑆𝑡𝑎𝑛𝑐𝑒 and 𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒 tunable values, which allowed the person to walk at 

a faster pace and spend less time in each gait event. 

• The mid-level controller stiffness (K) gain was reduced for braking torque gait events (GI 

and ST2) to achieve fast Power Hip extension angular velocity during COM descent. This 

gave the participant more control over the stance phase duration.  

The mid-level controller’s dampening gain (B) was intentionally constrained to values below 

half the proportional gain (K) across all gait subphases to mitigate motor vibrations induced due to 

the noise in the joint angle sensor measurements. While the lower gain stabilized the motor against 

oscillations, the reduced B gain inherently limited velocity control bandwidth. Consequently, the 

motor consistently exceeded target velocities during actuation. To resolve this, we propose 

integrating low-noise, high-resolution Hall effect angle sensors (e.g., 14-bit resolution) in future 

iterations. This upgrade would improve velocity control accuracy, ensuring closer alignment 

between target and achieved motor velocities, while reducing high frequency oscillations at higher 

gains. 

5.7.2 Hip kinetics and kinematics 

The Power Hip prosthesis demonstrated adaptive temporal characteristics observed in TF gait, 

including reductions in stride duration and stance phase time as walking speed increased. The 

prosthesis also achieved hip extension velocities akin to those of TF amputees during stance phase. 

However, during swing phase, the Power Hip maintained consistent swing durations across speed 

conditions, diverging from the expected inverse-relationship between walking speed and swing 

time observed in TF amputees.  

At slower walking speeds, the Power Hip exhibited higher hip flexion velocities than those of 

TF amputees. However, performance lagged at higher walking speeds, suggesting potential 

constraints in actuator responsiveness or suboptimal tuning of control parameters. These limitations 
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might be addressed through iterative adjustments to the target hip target flexion calculation tuning 

parameters in Equations (5.3), (5.5), and (5.6). 

Discrepancies in knee flexion magnitude and velocity between the Power Hip and TF groups 

may reflect hardware variability, since TF participants used diverse prosthetic knee models. None 

of the TF amputees used the Össur Rheo Knee. Future studies incorporating different prosthetic 

knee types could clarify the influence of knee hardware and knee settings on coordinated hip-knee 

kinematics with the Power Hip. 

Compared to existing HKAF prostheses described in the literature, the participant achieved a 

hip range of motion (ROM) of up to 52°, which exceeds the 30° ROM reported for prostheses such 

as the Helix3D hip joint  [10]. Therefore, Power Hip achieved partial biomimicry of TF amputee 

gait, and greater biomechanical advantage over existing HKAF prosthesis, but it requires targeted 

improvements in swing-phase dynamics and high-speed actuation to fully replicate natural gait 

kinematics.  

5.7.3 Gait speed adaptability 

The control strategy exhibited mixed responsiveness to increased gait speed. While stride, stance, 

and swing times decreased as expected, certain subphase parameters remained unchanged or 

increased inversely. For instance, ST3 duration remained consistent between slow and self-paced 

walking speeds (Table 5.1), a result attributed to the restrictive foot-off detection threshold. 

Transition from ST3 to SW1 during the foot-off instance is reliant on prosthetic load measurements 

falling below a predefined threshold; therefore, lowering this threshold could improve phase 

transition sensitivity and reduce the ST3 duration during self-paced walking.  

During ST1, the prosthesis consistently underestimated hip extension velocity, leading to 

unintended dampening power generation instead of the intended assistive torque. This hip extension 

target velocity miscalculation prolonged ST1 duration at faster speeds. Adjusting 

the 𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒 tuning parameter in Equation (5.7), could mitigate this issue. Alternatively, an auto-

tuning algorithm could be implemented to gradually reduce the 𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒 in each step until the motor 

produces assistive power during ST1. 

During self-paced walking, target hip flexion velocity 𝜔Target was unexpectedly lower than 

during slow walking. As shown in Fig. 5.10 this anomaly stemmed from inconsistent detection of 

the pelvic tilt zero-crossing (PTZC) event that is required for calculating the second instance of 

target flexion velocity in Equation (5.5). PTZC is detected by the control strategy when the pelvis 
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is first tilted posteriorly by more than -10°, followed by a posterior pelvic tilting with speeds that 

pass through a -15 deg/s threshold. However, limited pelvic tilt during self-paced walking resulted 

in PTZC detection in only 56% of strides, compared to 85% and 98% detection rate in slow and 

fast walking, respectively. If the strides that did not detect PTZC were excluded from data, the self-

paced 𝜔Target could have been improved to 43.13 ± 10.75 deg/s, higher than 𝜔Target during slow 

walking speeds. 

 

Fig. 5.10 IMU measured pelvic tilt kinematics of participants walking at different speeds. 

While the Power Hip minimizes the need for exaggerated pelvic movements, moderate user-

specific kinematic adjustments remain essential for reliable PTZC detection. Improved detection 

rates may require targeted user training to familiarize wearers with subtle pelvic coordination. Since 

a preliminary prototype prosthesis was used in this study, the participant was not able to take the 

device home and acclimate to the new powered prosthesis. Weeks of experience are typically 

needed for a person to adjust and make better use of new microprocessor-controlled features of 

their prosthesis. Therefore, next-phase research should provide better guidance as to ideal 

prosthesis settings, since the person will likely have different pelvis and contralateral limb 

kinematics as they adapt to efficient gait with the new intelligent technology. 

5.7.4 Limitations 

This study has several limitations that should be considered when interpreting its findings. 

Although 3 participants were recruited to develop the control strategy, due to scheduling issues, 

this study reported on one participant, which limits generalizability of the results to broader HD 

amputee populations. This participant has an active lifestyle; thus, the findings may not accurately 

represent the effectiveness of the system for less active users or those new to HKAF prosthetics. 
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The training period was only 10 sessions; therefore, the results may not fully reflect how users 

adapt to the Power Hip over time or how their movement patterns might improve with practice.  

Considering these limitations, future work should involve a larger and more diverse group of 

participants, including those with different activity levels and prosthetic experience. Extending 

training periods and observing users in everyday settings could also provide deeper insights into 

long-term usability and benefits. Addressing these gaps will help ensure motorized HKAF 

prostheses meet the needs of most people with HD amputation. 

5.8 Conclusion 

The results of this study showcase the potential of motorized HKAF prostheses. By using a powered 

hip prosthesis with a gait speed adaptable control strategy, the HD participant was able to 

effectively and comfortably walk at their desired speed. Further research in this area is necessary, 

including a next phase prototype that improves on sensor integration and can be used in the 

community. Microprocessor controlled powered hip technology has great potential to meet the 

requirements of people who have lost their entire leg, thereby improving quality of life and mobility 

in the person’s chosen environment. 
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Chapter 6: Comparison of hip-disarticulation prosthesis gait between 

conventional and motorized hip joints 

6.1 Foreword 

This chapter compares gait characteristics between the Powered Hip prototype and a participant’s 

prescribed passive prosthesis, addressing the third thesis objective: “Quantify chair sitting and 

standing performance by comparing prototype performance to a participant’s prescribed 

mechanical HKAF prosthesis”. 

While prior studies have explored motorized HKAF systems, these investigations were 

primarily conducted with able-bodied participants or robotic simulators [16, 30]. As a result, the 

biomechanical influence of motorized HKAF prostheses on HD amputee gait remains unexplored, 

leaving a gap in understanding their potential to restore mobility. To bridge this gap, a HKAF 

prosthesis user was recruited to perform the two-minute walk test and three-speed walk test using 

both their prescribed passive prosthesis and the Powered Hip prototype. Additionally, the 

participant provided subjective feedback through satisfaction questionnaires, offering insights into 

usability and comfort. 

The contents of this chapter are a manuscript in preparation for submission to the ISPO journal.  

6.2 Introduction 

Hip disarticulation (HD) amputees face considerable challenges in returning to an active lifestyle. 

This is primarily due to the physical demand required to operate a Hip-Knee-Ankle-Foot (HKAF) 

prosthesis [14, 35, 148]. Consequently, HKAF prosthesis users exhibit asymmetrical gait patterns, 

marked by increased pelvic rotation, compensatory trunk motions, and overreliance on the 

contralateral limb for both propulsion and stability [68]. Furthermore, prolonged prosthesis use is 

often correlated with chronic spinal injuries [10]. 

 The excessive reliance on pelvic movement and the contralateral limb is due to the limitations 

of conventional HKAF prostheses that have fully mechanical hip joints. During early stance phase, 

the user loads the prosthesis to rotate the hip joint until maximum extension angle is reached (socket 

contacts the physical extension stop of the hip joint). Max hip extension angle is then maintained 

until the end of stance phase [10]. Thus, adjustments to stride length during stance must be achieved 

through compensatory pelvic posterior tilting and users must perform pelvic anterior tilting to 
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initiate hip flexion at the start of the swing phase [187]. As a result of these mechanical constraints, 

user control of the prosthesis is limited; hence, walking tends to be slower and leads to early muscle 

fatigue [59]. Moreover, due to the limited torque-generating capacity of pelvic muscles, increased 

loading and vaulting on the sound limb are required at higher walking speeds to compensate for the 

absence of active propulsion from the prosthetic limb and reduced ground clearance. The resultant 

asymmetrical loading raises concerns regarding long-term musculoskeletal health, including 

potential joint degeneration and overuse injuries on the intact side [60]. 

Motorized prosthetic knees offer distinct advantages for transfemoral (TF) amputees in terms 

of walking speed and gait symmetry. These types of prostheses actively generate power for 

propulsion, enabling faster walking speeds and better adaptability to varied terrains, making them 

ideal for high-activity users [168]. Additionally, prostheses with powered knee joints reduce 

metabolic cost during gait [111]. Comparative studies demonstrated that motorized prosthetic knees 

could outperform active dampening and mechanical prostheses during dynamic tasks, such as 

navigating inclines or walk speed transitions, and offer better temporal and spatial symmetry in 

controlled environments [20].  

Based on trends observed in motorized knee research, we hypothesize that substituting HKAF 

mechanical hip joints with microprocessor-controlled actuators may similarly improve gait 

symmetry, increase walking speeds and reduce complementary movements of HKAF prosthesis 

users. However, research on motorized hip joints remains relatively limited. Notable developments 

include the passive Helix3D prosthesis by Ottobock, which mimics natural hip motion and reduces 

energy expenditure over previous passive hip joints [10]. Ueyama et al. [16] introduced a robotic 

motorized joint system with a feedback controller, enabling the hip to extend and compress a virtual 

spring for energy-efficient swing-phase transitions. Despite producing natural gait patterns, this 

system lacked robust user control for everyday activities. Luo et al. designed a motorized HD 

prosthesis with double-parallelogram for the hip and four-link structure for the knee [30]. Their 

prototype was tested with a 6-axis robotic arm and demonstrated promising results in simulating 

biological joint kinematics under varying walking speeds. Despite these advancements, no 

motorized HD prosthesis has been tested by HD amputees to date, and the feasibility of such 

devices in enhancing walking speed and gait symmetry for this population remains largely 

unexamined. 

 To address this research gap, a prototype motorized HKAF prostheses (Power Hip) was 

evaluated as an alternative to conventional mechanical prostheses. Using motion analysis and 

qualitative assessments, a comprehensive analysis of the effects of a motorized hip joint on HD 
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amputee gait was completed, thereby contributing to the advancement of effective motorized 

prosthetic hip solutions. 

6.3 Methods 

6.3.1 Power Hip prosthesis 

The prototype HKAF employed in this research was comprised of the HD socket, power hip joint 

(motorized prosthetic hip joint), Össur Rheo Knee 3 XC, and Össur ProFlex foot. The power hip 

module shown in Fig. 6.1 is a modified version of the design initially presented in [31, 138], 

optimized for compactness by reducing its overall height. This modification facilitates fitting the 

prosthesis to participants with shorter legs. The device accommodates body mass up to 100 kg and 

is front mounted, consistent with prescribed prosthetic practice. The Power Hip thigh section 

houses a three-phase DC motor, motor driver electronics, gait controller electronics, 95.04 Wh (3.3 

Ah) battery, and all gait control sensors.  

 

Fig. 6.1 Power Hip prototype. 

The Power Hip provides a greater range of hip motion compared to fully mechanical (passive) 

hip joints, allowing prosthetic users to achieve up to 25° of hip flexion and 90° of hip extension. 

This increased range of motion enables users to take longer strides without excessive posterior 

pelvic tilting, thereby reducing compensatory pelvic movements. 
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In addition to the extended range of motion, the Power Hip dynamically adjusts hip angular 

velocity during each gait cycle to match the desired walking speed. Using input from sensors that 

measure ground reaction forces, pelvic tilt patterns, hip angle, and thigh tilt angle, the Power Hip 

microcontroller calculates the target torque required and determines whether assistive (increase 

angular velocity) or dampening (decrease angular velocity) torque should be applied, depending on 

the sub-phase of the gait cycle. These adaptive responses throughout the gait cycle aid the prosthesis 

user in maintaining steady forward momentum. Additional details on the Power Hip control 

strategy algorithm can be found in Chapter 5.  

 

Fig. 6.2 Hip kinetics and kinematics of a stride measured by Power Hip sensors during walking. 

As illustrated in Fig. 6.2, during initial double limb support, the Power Hip generates assistive 

torque upon foot-strike to propel the user forward and elevate the center of mass (COM). As gait 

progresses into mid-stance, the Power Hip transitions into hip extension, applying dampening 

torque to control COM descent after reaching its peak height. Approaching the end of the stance 

phase, the Power Hip generates assistive torque to initiate hip flexion. This movement causes the 

prosthetic knee to flex, thereby improving ground clearance during the swing phase through 

chained dynamics. In contrast, users of passive hip joints often compensate for the limited joint 

motion by relying on posterior pelvic tilting at the start of the swing phase, leading to delayed 
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transitions from hip and knee extension to flexion [10]. This delay results in slower walking speeds 

and necessitates vaulting on the intact side to ensure adequate ground clearance [5]. Throughout 

swing phase, the Power Hip maintains hip flexion while gradually reducing angular velocity. This 

controlled deceleration uses inertia of the prosthetic knee and foot to facilitate knee extension, 

ensuring the knee reaches full extension just before the subsequent foot-strike.  

6.3.2 Participant preparation 

Following approval from the University of Ottawa (H-08-21-7062) and Carleton University 

(122696) ethics boards, an experienced HKAF prosthesis user was recruited for this study (Table 

6.1). The inclusion criteria were unilateral HD amputation of the right limb, body mass ranging 

from 40 kg to 125 kg, activity level between K2 and K4, ambulate independently without assistive 

walking devices, over 18 years of age, at least three months of experience with HD prostheses, and 

proficiency in English. The participant was briefed on the research objectives and potential risks 

and provided informed consent. 

Table 6.1 Participants details 

Body 

height 

(cm) 

HKAF 

height 

(cm) 

Age 

(yr) 

Body 

mass 

(kg) 

HKAF 

prosthesis 

use years 

Prescribed prosthesis  

Hip joint  
Knee 

joint  

1.80 89 25 64 6 
Ottobock 

Helix3D 

Ottobock 

C-Leg 

Before beginning training with the new prosthesis, the participant’s original socket was 

replicated at Nielen Orthotics and Prosthetics (Ottawa, Canada) to ensure compatibility with the 

Power Hip system. Over a 12-month period, which included iterative refinement of the Power Hip 

prototype, the participant underwent ten training sessions, each lasting 2 hours. During the initial 

visit, the participant was fitted with the Power Hip prosthesis. The fitting process involved 

replicating the shank and thigh lengths based on the dimensions of the previous prosthesis (Fig. 

6.3). Additionally, static and dynamic alignment adjustments were performed to optimize the 

prosthesis configuration. The dynamic alignment was fine-tuned by observing and analyzing gait 

behaviour during training sessions [188, 189]. 

Each training session was conducted under the supervision of a certified prosthetist, with 

exercises performed between parallel bars to ensure safety. During these sessions, the gait control 

algorithm was tuned to meet the participant’s specific needs. The participant was trained in essential 

gait techniques using the Power Hip, including gait initiation, gait termination, walking speed 



 

99 

 

adjustment, and turns. The training was deemed complete when the participant walked 

independently with the Power Hip without relying on parallel bars or other external support. 

 

Fig. 6.3 A Participant's personal prosthesis with Ottobock Helix3D hip joint, C-leg knee module, 

and Taleo foot, B: Power Hip HKAF prototype. 

6.3.3 Test protocol 

The participant completed a satisfaction questionnaire, a Two-Minute Walk test (2MWT), and a 

three-speed walk test (3SWT) with their prescribed HKAF prosthesis and Power Hip prosthesis 

(Table 6.2). The outcomes were participant satisfaction ratings, 2MWT time and cadence, gait 

kinematics, and stride parameters.  

The Two-Minute Walk Test (2MWT) assesses an individual’s functional capacity by 

measuring the total distance covered in a set time. For this test, the participant walked back and 

forth along a 15-meter hallway, covering as much ground as possible within two minutes. A spotter 

walked near the participant to ensure safety, and another person video recorded the person. After 

completing the test, the participant completed a satisfaction questionnaire comprising seven items 

rated on a scale of 1 to 5. The 2MWT protocol was completed for both their prescribed prosthesis 

and the Power Hip. 
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Table 6.2 Summary of measured parameters and evaluation methods 

Test type 

Data 

acquisition 

method 

Measured parameters Test outcomes for each prosthesis 

Satisfaction 

grading 
Questionnaire 5-point scale 

Per question score 

Summed score 

Two-Minute 

Walk Test 

Video 

recording 

Cadence, number of steps, 

walking speed 

Cadence mean and standard 

deviation 

Total number of steps.  

Three-speed 

Walk Tests 

THEIA 

motion 

capture 

Walking speed 
Mean and standard deviation 

differences for each speed 

Stride time, stride length 

Mean and standard deviation for 

each speed  

Averaged symmetry index for each 

speed  

Stance and swing duration 

Mean and standard deviation of 

“stance/swing percentile ratio” for 

each speed  

Averaged symmetry index for each 

speed  

Pelvic tilt angle 

Mean and standard deviation of 

pelvic range of motion for each 

speed 

Sagittal hip angle 

Mean and standard deviation of hip 

extension and flexion range of 

motion for each speed  

The Three-Speed Walk Test (3SWT) evaluates changes in gait kinematics due to temporal and 

spatial variations in walking patterns [190]. This test was conducted using the participant’s 

prescribed prosthesis and the Power Hip. Walking was recorded using 11 cameras and processed 

using THEIA 3D motion analysis technology (version 2024.07.2) at the Abilities Living Lab, 

Carleton University, Ottawa, Canada. Before the test, the participant rested in a seated position for 

5 minutes. Then the participant walked 5 times through a 10 m long motion capture area at three 

speeds: self-paced, faster than self-paced, and slower than self-paced. For each walking speed, ten 

steady state-strides were analyzed, resulting in a total of 30 strides.  

6.3.4 Data analysis 

Outcome measures of walking with the prescribed prosthesis were compared to results from the 

Power Hip. TF prosthetic gait was used as a benchmark since TF prostheses use the same knees 
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and feet as HD prostheses. Subjective opinions of walking with the prescribed prosthesis and Power 

Hip were assessed and compared via a questionnaire.   

During the 2MWT, the participant walked back and forth multiple rounds along the predefined 

15 m hallway path. Total distance walked, cadence (steps per minute), and gait speed were 

calculated and compared between the Power Hip and prescribed prostheses. Cadence was 

determined by reviewing video recording. Foot strikes were manually counted post-hoc, excluding 

steps taken during turns or pauses at the hallway ends. The duration of each round was measured 

from the initiation of forward walking to the completion of the final step before turning. Cadence 

was computed as 

𝑅𝑜𝑢𝑛𝑑 𝐶𝑎𝑑𝑒𝑛𝑐𝑒 (𝑠𝑡𝑒𝑝𝑠/𝑚𝑖𝑛) =
𝑁𝑢𝑚𝑏𝑒𝑟 𝑜𝑓 𝑓𝑜𝑜𝑡 𝑠𝑡𝑟𝑖𝑘𝑒𝑠×60 𝑠𝑒𝑐

𝑅𝑜𝑢𝑛𝑑 𝑑𝑢𝑟𝑎𝑡𝑖𝑜𝑛 (𝑠)
  (6.1) 

where a round is one walkway length and walking speed for each round was derived by dividing 

the fixed trial distance (15 m) by the measured round duration 

𝑆𝑝𝑒𝑒𝑑 (𝑚/𝑠)  =
15.24 𝑚

𝑅𝑜𝑢𝑛𝑑 𝑑𝑢𝑟𝑎𝑡𝑖𝑜𝑛 (𝑠)
  (6.2) 

THEIA 3D markerless motion capture software was used to generate 4×4 pose matrices for 

each segment of a 13-segment body model, capturing the local coordinates of anatomical landmarks 

on the feet, shank, thigh, pelvis, trunk, head, upper arms, and forearms [44]. These pose matrices 

were processed using a 10 Hz Butterworth low-pass filter and exported in .c3d format into 

Visual3D software. 

In Visual3D, pelvis segment angles were calculated relative to the laboratory coordinate 

system, while hip joint angles were derived from the relative orientation of the thigh and pelvis 

segments. Gait events, including foot-off and foot-strike, were initially identified using the 

automated method proposed by Zeni et al. [191] and subsequently verified manually. The 

automated method determines gait events by analyzing the z-axis and x-axis velocities of the toe 

marker coordinates relative to the pelvis segment. These gait events were then used to calculate 

stride parameters, such as walking speed and stride time. 

The symmetry differences in hip range of motion, gait phase durations, and stride length were 

assessed using the symmetry index equation:  

𝑆𝐼 =  
𝑋𝑃−𝑋𝐼

0.5(𝑋𝑃+𝑋𝐼)
× 100% (6.3) 
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where XP represents prosthetic-side metrics, and XI represents intact-side metrics. The SI is 

appropriate for this study since it reduces bias from changes in gait speed or prosthesis-specific 

characteristics [192].  

The mean and standard deviation of symmetry index values, along with other research 

outcomes, were calculated for each walk speed trial of each prosthesis type to evaluate gait 

characteristics differences between the prescribed prosthesis and the Power Hip prosthesis.  

6.4 Results 

6.4.1 Two-minute Walk test 

The participant successfully completed the 2MWT with both prostheses without losing balance or 

requiring assistance from the spotter. Results are summarized in Table 6.3. With the prescribed 

prosthesis, the participant walked 131 steps, covering 106.68 m, whereas with the Power Hip 

prosthesis, they completed 118 steps over 85.97 m.  

Table 6.3 2MWT per round and overall average and standard deviation for cadence, total distance 

covered, and walking speed for the Power Hip and prescribed HKAF 

 Power Hip Prescribed HKAF 

Rounds Cadence (steps/min) Speed (m/s) Cadence (steps/min) Speed (m/s) 

1 85.05 0.98 83.08 1.17 

2 78.33 0.99 82.70 1.17 

3 81.93 0.94 82.13 1.16 

4 81.54 1.09 84.64 1.13 

5 78.60 0.95 81.02 1.08 

6 84.00 0.98 82.02 1.04 

7 --- --- 81.08 1.08 

Average 81.73 ± 2.87 0.99 ± 0.05 83.26 ± 1.94 1.12 ± 0.05 

The challenge observed with the Power Hip prosthesis was a delay in performing a spin turn 

at the end of the walkway (i.e., rotate body around a fixed prosthetic limb). This was attributed to 

lack of training for this task (i.e., the participant made longer turns during the training trials) and 

Power Hip controls restrictions requiring the participant to stop and wait for 3 seconds to terminate 

walking before performing gait initiation for the next walkway length. As a result, the total distance 

covered with the Power Hip was 20.71 m shorter than with the prescribed prosthesis. However, 

when excluding the stop-and-turn instances, the difference in cadence between the two conditions 
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was small (1.3 steps/min difference). Walking speeds were also comparable, with the prescribed 

prosthesis providing a slight advantage of 0.13 m/s. 

6.4.2 Three-speed Walk test 

A summary of the motion capture-derived gait kinematics is presented in Fig. 6.4 and Table 6.4. 

The participant completed 74 strides with the Power Hip prosthesis at walking speeds ranging from 

0.67 to 1.12 m/s, and 56 strides with the prescribed prosthesis at speeds between 0.54 and 1.21 m/s. 

To contextualize gait differences between the two prosthesis types, a TF prosthetic user 

database was selected as a reference  [154]. This dataset includes walking at fixed speeds of 0.7, 

0.8, and 1.0 m/s, aligning with the participant’s slow, self-paced, and fast walking speeds during 

the trial. As illustrated in Fig. 6.4, the participant exhibited restricted hip kinematics when using 

the prescribed prosthesis, and their pelvic tilt range deviated from both the TF dataset and the Power 

Hip condition. In the TF dataset, maximum hip extension angle increased proportionally with 

walking speed. However, due to the limited hip extension capability of the Helix3D hip joint, the 

participant achieved a minimum hip extension across all walking speeds with their prescribed 

prosthesis (averaging -0.37° ± 1.12°). In contrast, the Power Hip prosthesis allowed for greater hip 

extension (averaging -6.29° ± 2.70°), following a trend similar to the TF dataset, where maximum 

hip extension increased from slow to self-paced speeds but did not increase further at the fast-

walking speed. 

Maximum hip flexion velocity also increased with walking speed for both prosthesis types, 

consistent with the TF dataset. However, the Power Hip prosthesis exhibited a notable advantage, 

with an average hip flexion velocity of 179.39 ± 33.62 deg/s, which was closer to the TF dataset 

(227.08 ± 16.20 deg/s) compared to the prescribed prosthesis (147.77 ± 23.58 deg/s). 

Pelvic tilt range of motion (ROM) varied considerably between the two HKAF prostheses. 

When using the prescribed prosthesis, the participant exhibited greater posterior pelvic tilt 

(averaging 19.48° ± 5.22°). Additionally, pelvic ROM increased with walking speed when using 

the prescribed prosthesis. In contrast, pelvic tilt ROM with the Power Hip prosthesis averaged 6.67° 

± 1.63° and closely matched the TF dataset (7.00° ± 0.94°), with minimal change in ROM 

magnitude relative to walking speed. 

Stride time and stride length were shorter with the Power Hip prosthesis compared to the 

prescribed prosthesis across all walking speeds, aligning more closely with the TF dataset. 

Additionally, the participant spent more time in the stance phase with the Power Hip prosthesis 

(58.22% ± 2.39% of the gait cycle) compared to the prescribed prosthesis (56.51% ± 2.51%). 
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However, with both prostheses, the stance phase duration remained substantially shorter than the 

TF dataset across all walking speeds (67.74% ± 1.13% of the gait cycle). 

 

Fig. 6.4 Hip and pelvic tilt kinematics of participant walking with Power Hip and prescribed HKAF 

compared to transfemoral gait. 

Symmetry index (SI) analysis (Table 6.5) revealed differences in gait symmetry between the 

Power Hip and prescribed prosthesis. A smaller absolute SI value indicates improved inter-limb 

symmetry, with negative values denoting intact-side bias and positive values reflecting prosthetic-

side bias. 

The Power Hip prosthesis demonstrated better symmetry across most metrics compared to the 

prescribed HKAF prosthesis, with the exception of maximum hip flexion velocity. Interestingly, 

the prescribed HKAF prosthesis achieved better hip flexion velocity symmetry than TF amputee 

benchmarks. Both HKAF prostheses had small SI results for stride time and stride length, though 

the Power Hip yielded better overall symmetry and was closer to the TF group at all walking speeds. 
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However, the prescribed prosthesis exhibited a prosthetic-side time bias (positive SI), whereas the 

Power Hip shifted bias toward the intact side (negative SI).  

Table 6.4 Gait kinematics for Power Hip and prescribed HKAF prosthesis during three-speed walk 

test relative to TF amputee benchmark [154] 

 Prosthesis types Slow Self-paced Fast 

Walking speed (m/s) 

Power Hip 0.69 ± 0.04 0.90 ± 0.04 1.02 ± 0.05 

Prescribed 0.60 ± 0.04 0.89 ± 0.04 1.12 ± 0.05 

Transfemoral  0.70  0.80 1.00  

Stride time (s) 

Power Hip 0.97 ± 0.06 0.87 ± 0.04 0.79 ± 0.05 

Prescribed 1.14 ± 0.08 0.94 ± 0.05 0.80 ± 0.04 

Transfemoral  1.39 ± 0.05 1.33 ± 0.05 1.20 ± 0.03 

Stride length (m) 

Power Hip 1.16 ± 0.07 1.33 ± 0.05 1.44 ± 0.05 

Prescribed 1.19 ± 0.06 1.47 ± 0.04 1.64 ± 0.04 

Transfemoral  0.97 ± 0.04 1.07 ± 0.04 1.20 ± 0.03 

Stance phase percentile (%) 

Power Hip 58.67 ± 2.31 59.45 ± 1.61 56.19 ± 1.97 

Prescribed 57.20 ± 2.44 56.98 ± 2.24 55.01 ± 2.36 

Transfemoral  65.55 ± 2.48 67.83 ± 1.16 67.53 ± 0.91 

Pelvic tilt range of motion 

(deg) 

Power Hip 6.62 ± 1.65 6.69 ± 1.77 6.72 ± 1.49 

Prescribed 17.18 ± 3.88 19.65 ± 4.87 22.77 ± 5.76 

Transfemoral  5.66 ± 1.38 6.96 ± 0.86 7.11 ± 0.96 

Max hip extension (deg) 

Power Hip -4.53 ± 2.41 -7.76 ± 1.50 -7.04 ± 2.85 

Prescribed -0.76 ± 0.80 -0.47 ± 1.09 -0.22 ± 0.77 

Transfemoral  -5.44 ± 1.14 -13.71 ± 2.32 -15.03 ± 2.48 

Max hip extension velocity 

(deg/s) 

Power Hip -81.13 ± 14.81 -92.23 ± 14.52 -95.29 ± 16.12 

Prescribed -91.82 ± 22.95 -132.64 ± 35.37 -120.48 ± 24.08 

Transfemoral  -68.43 ± 7.01 -105.65 ± 9.67 -119.17 ± 9.12 

Max hip flexion (deg) 

Power Hip 37.50 ± 2.53 37.60 ± 1.64 41.13 ± 1.83 

Prescribed 39.00 ± 2.31 41.18 ± 2.27 41.23 ± 3.33 

Transfemoral  28.13 ± 1.31 36.61 ± 2.14 38.14 ± 2.03 

Max hip flexion velocity 

(deg/s) 

Power Hip 152.99 ± 18.72 186.59 ± 27.36 207.60 ± 29.41 

Prescribed 134.24 ± 22.68 150.92 ± 17.58 164.90 ± 18.00 

Transfemoral  132.99 ± 10.72 217.07 ± 15.20 234.35 ± 16.36 

Maximum hip flexion angle SI was low for both HKAF prostheses and the TF amputee group, 

with a slight intact-side bias across all walking speeds. As walking speed increased, symmetry 

improved for all groups, though the Power Hip prosthesis more closely aligned with TF amputee 

benchmarks at faster speeds. The most pronounced disparity between the Power Hip and the 

prescribed HKAF emerged in maximum hip extension, where the Power Hip had lower SI (-57.67 

± 66.27) compared to the prescribed HKAF prosthesis (170.49 ± 34.03), with a strong prosthetic-

side bias. This aligns with the biomechanical constraints of the passive HKAF prosthesis, which 

limited active hip extension, whereas the Power Hip enabled near-physiological extension through 

controlled actuation. 
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Table 6.5 Symmetry index averages and standard deviations for Power Hip and prescribed HKAF 

[154] during three-speed walk test 

SI parameter Prosthesis type Slow Self-paced Fast 

Stride time 

Power Hip -0.41 ± 5.25 -0.30 ± 5.43 -0.32 ± 3.00 

Prescribed 1.05 ± 3.96 1.22 ± 3.66 0.71 ± 4.14 

Transfemoral  0.09 ± 4.16 0.03 ± 1.91 -0.07 ± 1.64 

Stride length 

Power Hip 0.07 ± 6.52 1.05 ± 4.83 1.42 ± 3.24 

Prescribed 1.06 ± 5.90 1.49 ± 3.26 0.59 ± 2.60 

Transfemoral 0.09 ± 4.16 0.03 ± 1.91 -0.07 ± 1.64 

Stance phase ratio 

Power Hip -12.23 ± 6.70 -7.26 ± 4.25 -9.40 ± 5.72 

Prescribed -14.76 ± 6.71 -5.48 ± 4.54 -8.21 ± 4.63 

Transfemoral -17.90 ± 5.17 -8.51 ± 3.12 -5.73 ± 2.79 

Max hip flexion 

Power Hip 19.05 ± 9.53 12.80 ± 6.55 14.85 ± 7.28 

Prescribed 37.73 ± 10.38 24.87 ± 9.19 19.19 ± 10.95 

Transfemoral 10.88 ± 3.65 12.56 ± 5.32 8.24 ± 5.57 

Max hip flexion velocity 

Power Hip 34.17 ± 14.76 35.02 ± 17.44 28.67 ± 20.01 

Prescribed 25.56 ± 21.88 11.65 ± 20.13 7.73 ± 15.51 

Transfemoral -10.50 ± 10.08 29.41 ± 6.88 23.69 ± 7.32 

Max hip extension 

Power Hip -64.92 ± 94.03 -73.20 ± 28.46 -29.92 ± 39.32 

Prescribed -163.73 ± 30.96 -170.83 ± 34.44 -146.18 ± 31.99 

Transfemoral -96.28 ± 28.06 -71.86 ± 19.20 -54.66 ± 22.93 

Max hip extension velocity 

Power Hip -18.37 ± 22.03 -6.80 ± 26.64 5.13 ± 25.86 

Prescribed -23.71 ± 34.18 -35.25 ± 24.30 -11.44 ± 24.92 

Transfemoral -2.31 ± 21.16 -6.43 ± 15.85 -12.18 ± 12.67 

6.4.3 Questionnaire 

The results of the questionnaire are presented in Table 6.6. The participant reported higher overall 

satisfaction with the Power Hip prosthesis (22) compared to their prescribed prosthesis (20), out of 

a maximum total score of 25. The improvement was driven primarily by comfort while walking, 

where the Power Hip scored 5/5 versus the prescribed prosthesis’s 3/5. Other metrics remained 

identical between devices (weight: 4/5; balance: 4/5; sounds: 5/5). Notably, the overall satisfaction 

scores were equal (4/5).  
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Table 6.6 Satisfaction questionnaire results from participant walking with Power Hip and 

prescribed prosthesis 

Satisfaction enquiry Prescribed prosthesis score Power Hip score 

Weight of the prosthesis while walking 4 4 

Comfort while walking 3 5 

Balance while walking 4 4 

Prosthesis sounds during use 5 5 

Overall prosthesis satisfaction 4 4 

Sum 20 22 

6.5 Discussion 

This study demonstrated that a motorized hip prostheses (Power Hip) can improve walking 

performance and satisfaction as compared to a conventional HKAF prosthesis with a passive 

mechanical hip joint. By comparing kinematic performance, gait symmetry, and user satisfaction 

between the Power Hip prosthesis and the prescribed passive prosthesis, we aimed to quantify 

functional trade-offs and advantages inherent to motorized hip actuation.  

6.5.1 Gait kinematics 

The Power Hip improved gait kinematics compared to the prescribed prosthesis, achieving 

movement patterns closer to TF amputees (Table 6.4). During the 3SWT, the Power Hip had a 

lower walking speed standard deviation and better stride time symmetry. The participant 

corroborated these findings subjectively, reporting greater satisfaction with the Power Hip’s speed 

adaptability during the 2MWT. Furthermore, when benchmarked against the reference TF dataset, 

the Power Hip outperformed the prescribed prosthesis across multiple metrics, including stride 

time, stride length, pelvic tilt ROM, hip ROM, and maximum hip flexion velocity. 

6.5.2 Two-minutes Walk test 

During the 2MWT, while the participant achieved higher initial speeds with the prescribed 

prosthesis, the Power Hip enabled more consistent speed retention across walkways. The average 

walking speed decline from the first to last round was small with the Power Hip (0.01 m/s) 

compared to the prescribed prosthesis (0.1 m/s), which could be because of improved 

biomechanical efficiency and reduced fatigue. This aligns with observed reductions in 

compensatory movements, such as diminished reliance on pelvic tilting. The participant also 

reported feeling less physically burdened during testing, likely due to the Power Hip’s active 
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control and prolonged prosthetic-side stance time, since increased stance phase duration is inversely 

associated with energy-intensive postural adjustments [193]. The slower overall walking speed 

with Power Hip during 2MWT could have been attributed to the participants unfamiliarity with 

Power Hip compared to their prescribed prosthesis, However, we were not able to confirm this with 

these tests. A long-term study and more refined control software may improve the walking speeds. 

6.5.3 Gait symmetry 

The Power Hip had better overall gait symmetry compared to the prescribed prosthesis, as 

evidenced by reductions in SI across most temporal and kinematic parameters. However, an 

exception was observed in maximum hip flexion velocity SI, where the Power Hip was less 

symmetrical between limbs than the prescribed prosthesis. This suggests a compensatory strategy 

wherein the participant favored faster hip flexion on the intact side when using the Power Hip. We 

hypothesize that the Power Hip’s active motor actuation enabled faster hip extension and COM rise 

during early stance phase that prompted the participant to adopt quicker intact-side hip flexion to 

synchronize with the prosthesis’s assistive power output. This pelvis movement pattern may change 

with more experience walking with the Power Hip prosthesis as users become more familiar with 

the feel and control behaviour of the prosthesis.  

Within the Power Hip prosthesis SI results, the highest values were for maximum hip 

flexion/extension angle and flexion velocity. These asymmetries are likely mitigatable through 

iterative software adjustments and structured user training. Given that the prosthesis control logic 

fundamentally differs from conventional HKAF prostheses, users may require extended 

acclimatization. Experienced HKAF prostheses users often develop compensatory habits, such as 

vaulting, to walk with their prostheses [59]. Despite the Power Hip’s design to reduce reliance on 

such strategies, the participant struggled to unlearn these ingrained behaviors during the limited 

training period. These residual compensatory movements may have contributed to the measured 

asymmetries. 

6.5.4 Participant’s overall satisfaction 

The Power Hip’s greater comfort aligns with its improved biomechanical performance, particularly 

in hip extension symmetry and stance-phase control, which likely reduced compensatory 

movements and physical strain. Despite being 2 kg heavier than the prescribed prosthesis, the 

participant reported equal satisfaction with the Power Hip weight (4/5 for both devices). This 

suggests that the biomechanical advantages of the Power Hip lifting and rotating the entire leg, 
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such as improved symmetry, active hip flexion, and extension controls offset the added mass, 

potentially by reducing metabolic or kinematic strain associated with complementary movements.  

6.5.5 Limitations 

Several limitations for this study must be acknowledged. First, the findings are derived from one 

participant who has an active lifestyle and extensive daily prosthetic use. This may limit 

generalizability to individuals with lower activity levels or limited experience with HKAF 

prostheses. Second, the training period with the Power Hip was brief. The short adaptation window 

likely influenced observed gait patterns, since users require time to acclimate to prosthesis active 

control logic. Extended training and time using the Power Hip in the community could reveal 

evolving strategies for optimizing coordination, further reducing compensatory movements.  

6.6 Conclusion 

The Power Hip prosthesis demonstrated meaningful advancements in gait biomechanics compared 

to conventional passive prostheses, achieving movement patterns closer to TF prosthetic user 

ambulation while reducing compensatory movements. Furthermore, participants reported greater 

satisfaction with balance and movement fluidity. Power Hip’s ability to improve user comfort 

despite increased weight and prototype-specific design constraints illustrates the potential of the 

future research in this field.  

Future work should focus on expanding accessibility and refining usability. This includes 

evaluating the prosthesis across diverse user populations, such as individuals with varying physical 

fitness or limited prior experience with HKAF prostheses. Longitudinal studies are needed to assess 

long-term adaptations in endurance, joint health, and real-world performance outside controlled 

environments. Experimentation with a more efficient training protocol would as well be beneficial 

to help reduce the overall rehabilitation time.   

By addressing these priorities, iterative improvements to the prosthesis’s design, control 

algorithms, and training frameworks could bridge remaining gaps between compensatory and 

natural gait. This study represents a critical step toward redefining mobility for individuals with hip 

disarticulation, offering a foundation for HKAF prostheses that prioritize both biomechanical 

fidelity and quality of life. Ultimately, integrating motorized hip actuation into HKAF prosthetics 

marks a transformative shift in rehabilitation, reimagining possibilities for improved independence. 
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Chapter 7: Design and evaluation of stand-to-sit and sit-to-stand control 

protocols for a hip-knee-ankle-foot prosthesis with a motorized hip joint 

7.1 Foreword 

This chapter focuses on the development of a control strategy for stand-to-sit and sit-to-stand using 

the Power Hip prosthesis, alongside a biomechanical analysis with HD amputees. In able-bodied 

individuals and TF amputees, hip torque is the main contributor in facilitating these movement 

tasks. Since conventional HKAF prostheses do not provide hip torque, prosthesis users typically 

use their intact limb and arm rests when sitting and standing. This study investigated whether 

generating torque at the prosthetic hip joint could improve biomechanical symmetry and functional 

outcomes during these daily activities, addressing thesis objective 2: “Develop a motorized HKAF 

control strategy for sit-to-stand and stand-to-sit transitions” and objective 4: “Quantify chair 

sitting and standing performance by comparing prototype performance to a participant’s 

prescribed mechanical HKAF prosthesis”. 

To accommodate the non-cyclic nature of sitting and standing, the hierarchical control 

framework introduced in Chapter 5 was adapted while retaining its core structure. When developing 

the control strategy, emphasis was placed on achieving kinetic symmetry, ensuring that executing 

these transitions did not require the user to shift load to the intact side. By prioritizing kinetic 

symmetry, the control system aimed reducing physical demand on the intact limb. 

A HKAF prosthesis user was evaluated in a motion capture laboratory to quantify kinetic and 

kinematic symmetry between the intact and prosthetic limbs during sit-to-stand and stand-to-sit 

tasks. Results indicated that torque generation at the prosthetic hip during sit-to-stand reduced 

loading asymmetry by lessening reliance on the intact limb. During stand-to-sit, improved load 

distribution enabled a wider base of support, potentially enhancing balance control. 

This research provides the first control system specifically for HKAF prosthesis sitting and 

standing and advances the broader aim of restoring autonomy in daily life for HD amputees. The 

contents of this chapter are a paper in preparation for submission to Journal of Bionic Engineering.  
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7.2 Introduction 

Amputees who use lower extremity prostheses, particularly those with hip disarticulation (HD) or 

hemipelvectomy (HP) amputations, face considerable challenges in common daily activities, 

including walking, sitting, and rising from a chair [12]. Typical hip-knee-ankle-foot (HKAF) 

prostheses require significant effort, especially for individuals who may lack the needed physical 

fitness to walk with a full leg prosthesis [13, 194].  

In individuals with transfemoral (TF), HD, or HP amputations, the prosthetic joints contribute 

very little to sit-to-stand and stand-to-sit activities [195]. Most of the effort involves the intact limb 

and/or upper body, thereby requiring chair armrests or other aids to stand up or sit down [195]. 

Achieving the joint moments required for critical actions, such as push-off during the initial sit-to-

stand transition or knee flexion during stand-to-sit, often necessitates compensatory movements 

that can affect balance [196]. Adequate intact limb muscle strength is crucial for sitting and 

standing, yet even after rehabilitation many prosthesis users struggle to maintain balance while 

sitting or standing [196, 197]. 

For TF prosthesis users, poor balance during sitting and standing is attributed to a centre of 

mass (COM) medial-lateral translation and longer task duration. The COM typically translates to 

the intact side during sitting or standing, as the intact limb provides propulsion or descent control 

[198]. This strategy is also employed by frequent fallers [199]. Due to the greater COM translation, 

the base of support boundaries are passed much earlier, and more time is spent outside of the base 

where the person is vulnerable to balance disturbances [78]. Furthermore, sitting and standing are 

performed much slower than able-bodied people since moment generation is limited on the 

prosthetic side and built-in stance control features of most microprocessor-controlled prosthetic 

knees slow descent. Prolonging the ascent or descent time can increase the likelihood of failed 

push-off attempts during sit-to-stand and sudden falls during stand-to-sit [196, 200]. 

Sit-to-stand and stand-to-sit are physically demanding tasks for HKAF prosthesis users. The 

lack of assistance by the HKAF prostheses likely contributes to the challenges for sitting and 

standing; however, to date, no published research has investigated methods to reduce the physical 

effort required for these activities, and no biomechanical studies for sitting or standing are available 

in the literature. Further research is needed to explore potential strategies to reduce the physical 

demand and failed transition attempts in these critical daily tasks [5]. A Powered Hip joint could 

be a solution for enabling more effective standing and sitting.  
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Recent advancements in motorized prosthetic knee joints demonstrate the potential benefits of 

active components in prosthetic devices. Motorized knee joints provide better kinetic symmetry 

and enhanced control during demanding activities compared to microprocessor-controlled and 

passive knee joints [89, 201, 202]. During sit-to-stand and stand-to-sit, motorized knee joints 

generate net-positive torque, increasing internal joint moments and reducing necessary 

compensation by the intact limb. Improved kinetic symmetry can alleviate physical strain and 

improve balance control during these tasks [203]. Furthermore, motorized prostheses may reduce 

the physical demands required to operate the device, thereby increasing independence for less 

active users [204]. 

Considering current HKAF prosthesis limitations and current prosthetic knee actuation 

technology trends, a motorized HKAF prosthesis control method was developed and evaluated to 

increase prosthetic side assistance, reduce intact side loading and shorten task execution duration 

during sit-to-stand and stand-to-sit transitions compared to conventional passive prostheses. The 

findings from this study will contribute to our understanding of the effectiveness of motorized hip 

joints in HKAF prostheses for these activities. Moreover, this research may stimulate further 

innovations aimed at improving the quality of life for individuals with HD or HP amputations. 

7.3 HKAF prosthesis prototype (Power Hip) 

The HKAF prosthetic prototype shown in Fig. 7.1  was developed to enable walking, sitting, and 

standing for HD amputees. The prototype consists of a HD socket, prototype front mountable 

Power Hip, Össur Rheo knee 3 joint, and Össur Pro-Flex foot. Building upon previous research 

[31, 137, 138], the Power Hip module design was further optimized for this study by reducing the 

overall length to accommodate people with a shorter legs while ensuring compatibility with the 

existing HD socket designs and conventional prosthesis alignment methods [33]. 

The Power Hip module comprises two segments: prosthetic hip joint and thigh. The hip joint 

segment features a single-axis joint that can transmit motor-induced torque to the anterior mounted 

prosthetic hip centre of rotation. The thigh segment houses the electronics, sensors, and a 95.04 Wh 

(3.3 Ah) battery. Due to space constraints near the mounting point, the DC motor was positioned 

further below the socket, and torque transfer to the joint center of rotation was achieved using a 

cross-belt pulley system [32]. The DC motor is a three-phase brushless motor equipped with a 

harmonic drive gear system, capable of delivering up to 96 N·m of torque to support hip moment 

generation for users weighing up to 100 kg. The Power Hip was developed as a self-contained and 

untethered system, with all sensing, data processing, and power delivery operations performed in 
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real time by the integrated microcontroller and motor driver electronics inside the prosthesis, 

eliminating the need for external wiring to a computer or external power source. 

 

Fig. 7.1 Fully assembled Power Hip HKAF prototype (A), closeup frontal view of Power Hip 

module (B), and computer-aided design (CAD) of the Power Hip module (C). 1: Interface plate 

between Power Hip and prosthetic socket lamination plate, 2: DC motor, 3: Motor torque transfer 

pulleys, 4: Thigh chassis frame, 5: Sensor signal processing and active control electronics, 6: Load 

cells, 7: Battery, 8: Motor driver electronics. 

7.4 Power Hip control strategy 

A hierarchical control framework, initially developed for Power Hip gait control (Chapter 5), was 

adapted to incorporate sit-to-stand and stand-to-sit transitions. The main distinction between this 

study’s control strategy and the control strategy discussed in Chapter 5 is the integration of 

Bluetooth communication to enable real-time activation of activity sequences and the development 

of two sets of finite state machines to decompose each activity into a series of shorter phases. 

 Custom software, running on a separate PC, transmitted specific commands to the 

prosthetic control system. Upon receiving these commands, the Power Hip module emitted an 

audible beep, signalling to the user that it was ready to perform the requested activity. This 

signalling mechanism was implemented to minimize the risk of unintentional activation in the 

prototype system. Although Bluetooth was used for this purpose, other methods, such as double 
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tapping the prosthetic socket or using a remote-control dongle similar to stand control knee orthoses 

could also be considered for future applications. 

As shown in Fig. 7.2, when a sit or stand execution request is submitted to the Power Hip, the 

control software first evaluates the user's initial posture (idle sitting or standing) using hip angle 

sensors, a thigh inertial measurement unit (IMU) sensor, and the strain-gauged chassis (axial force 

sensor). If the user is in idle sitting, the sit-to-stand control protocol is executed to assist the user in 

standing. Conversely, if the user is in idle standing, the stand-to-sit protocol is activated to facilitate 

sitting. Idle sitting is determined when the hip flexion/extension angle (𝜃𝐻𝑖𝑝) and the prosthetic 

thigh sagittal tilt angle (𝜃𝑇ℎ𝑖𝑔ℎ) remain greater than or equal to 60° for more than five seconds. 

Quiet standing is determined when the hip is at an approximate equilibrium angle (−1° ≤ 𝜃𝐻𝑖𝑝 ≤

1°,  −1° ≤ 𝜃𝑇ℎ𝑖𝑔ℎ ≤ 1°) and ground reaction force (GRF) exceeds 12% of the prosthetic user's 

body weight at the time the request signal is received.   

 

Fig. 7.2 Overview of Power Hip control strategy for sit-to-stand and stand-to-sit. BW: Body 

weight, F: ground reaction force 

Regulation of Power Hip assistive and dampening torques for both activities was performed 

by a finite-based impedance controller. This type of controller has been widely implemented in 

motorized transfemoral prostheses due to its simplicity and adaptability [23, 122]. Finite-based 

impedance controllers operate by decomposing activities into smaller, sequential phases. Specific 

algorithms and gain values are applied for each phase to adjust the prosthesis angle and velocity 

impedance (magnitude of joint stiffness) [169].  
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In this study, the phase-based decomposition approach introduced by Kerr et al. [90] was 

adopted for the Power Hip impedance controller. Sit-to-stand and stand-to-sit activities were 

divided into four distinct chronological phases. Progression between phases occurs only when 

predefined conditions for transition are met. At the start of each phase, the target hip angle 

(𝜃𝑇𝑎𝑟𝑔𝑒𝑡), target hip angular velocity (𝜔𝑇𝑎𝑟𝑔𝑒𝑡), velocity gain (B), and displacement gain (K) are 

computed and then integrated into the motor torque equation as 

𝜏𝑇𝑎𝑟𝑔𝑒𝑡 = (𝜃𝐻𝑖𝑝 − 𝜃𝑇𝑎𝑟𝑔𝑒𝑡)𝐾 + (𝜔𝐻𝑖𝑝 − 𝜔𝑇𝑎𝑟𝑔𝑒𝑡)𝐵  (7.1) 

where 𝜃𝐻𝑖𝑝 is the hip angle relative to the socket, 𝜔𝐻𝑖𝑝 is the measured hip angular velocity, and  

𝜏𝑇𝑎𝑟𝑔𝑒𝑡 is the calculated target torque to be outputted by the Power Hip motor. Depending on the 

vector direction of 𝜏𝑇𝑎𝑟𝑔𝑒𝑡 and 𝜔𝐻𝑖𝑝, the Power Hip torque may dampen or assist movement. When  

𝜏𝑇𝑎𝑟𝑔𝑒𝑡

𝜔𝐻𝑖𝑝
< 0, the Power Hip produces dampening torque to slow down or halt actuation. When 

𝜏𝑇𝑎𝑟𝑔𝑒𝑡

𝜔𝐻𝑖𝑝
> 0, the Power Hip produces assistive torque to accelerate or maintain hip joint actuation 

velocity.  

𝜃𝑇𝑎𝑟𝑔𝑒𝑡 and 𝜔𝑇𝑎𝑟𝑔𝑒𝑡 are dynamically calculated for each phase-based on real-time and past 

states of 𝜔𝐻𝑖𝑝, 𝜃𝐻𝑖𝑝, and 𝜃𝑇ℎ𝑖𝑔ℎ, while the B and K gains are manually tuned during participant 

training sessions to adjust for velocity and displacement impedance, respectively. The algorithms 

for computing the target states and procedures for tuning B and K gains, for each phase, are detailed 

in the subsequent subsections. 

7.4.1 Sit-to-stand control phases 

Observations of HD participant kinematics showed that their sit-to-stand transitions with 

mechanical hip joints were performed in a comparable manner to transfemoral amputees [90, 196]. 

Since active hip torque generation is required throughout sit-to-stand, passive hip joints are unable 

to assist the user, resulting in a minimum loading on the prosthetic side. As shown in Fig. 7.3, sit-

to-stand can be decomposed into four main phases: trunk forward lean, chair push-off, vertical 

displacement, and recovery [196].  

7.4.1.1 Phase 1: Trunk forward lean 

Sit-to-stand initiation involves trunk forward leaning. This motion reduces the distance between 

the COM and the base of support, thereby decreasing hip and knee extension moments during the 

subsequent chair push-off (Phase 2) [205]. 
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During Phase 1, the Power Hip does not assist the user. Instead, a small damping torque is 

applied to enable the force sensors to sense COM movement as soon as trunk forward leaning 

occurs. This dampening torque is achieved by setting the target hip angle (𝜃𝑇𝑎𝑟𝑔𝑒𝑡) to 90° and 

maintaining the displacement gain (K) at 0 < K ≤ 1. The velocity gain (B) is set to zero since 

controlling the velocity during this phase would not provide any benefit.  

 

Fig. 7.3 Decomposition of the sit-to-stand activity for an HD participant using a HKAF prosthesis 

with a mechanical hip joint (top row) and Power Hip joint (bottom row). 

The transition from Phase 1 to Phase 2 is detected by the Power Hip when the COM is 

sufficiently close to the base of support to allow for assisted push-off [206]. Hence, the ground 

reaction force (F), measured by Power Hip, must exceed 2% of the body weight (BW), and the hip 

angle (𝜃𝐻𝑖𝑝) must meet or exceed the hip extension threshold angle 𝜃𝑆𝑇_𝑃ℎ𝑎𝑠𝑒1. The threshold 

𝜃𝑆𝑇_𝑃ℎ𝑎𝑠𝑒1 is an adjustable parameter that is tuned during prosthesis fitting and training. 

7.4.1.2 Phase 2: Chair push-off 

Chair push-off transfers body weight from the chair to the feet by moving the COM toward the 

base of support area over the feet as fast as possible. Immediately following the transition to Phase 

2, a substantial hip extension moment is applied while both knees are loaded within a short period. 

This generates a downward force on the ground (action), facilitating COM ascent (reaction) [206]. 

During this phase, the Power Hip assists the user by producing a high assistive hip extension torque. 
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This is achieved by setting stiffness 𝐾 ≥  50 and 𝐵 ≥  20 at a controlled target angle 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 0° 

and a target angular speed (𝜔𝑇𝑎𝑟𝑔𝑒𝑡 ) defined as 

𝜔𝑇𝑎𝑟𝑔𝑒𝑡 = −|𝜔𝑆𝑇_𝑃ℎ𝑎𝑠𝑒1 | ×  ∁𝑆𝑇_𝑃ℎ𝑎𝑠𝑒2   (7.2) 

where 𝜔𝑆𝑇_𝑃ℎ𝑎𝑠𝑒1 represents the peak hip flexion speed measured during Phase 1 and ∁𝑆𝑇_𝑃ℎ𝑎𝑠𝑒2 is 

a participant-specific tunable linear scaling factor. Since the Power Hip joint extends during Phase 

2, the 𝜔𝑇𝑎𝑟𝑔𝑒𝑡  must always be negative.  

The transition from Phase 2 to Phase 3 occurs when sufficient propulsion height is achieved. 

This height can be calculated using the thigh angle (𝜃𝑇ℎ𝑖𝑔ℎ) measured by the Power Hip IMU. 

Hence, completion of the transition can be determined when  

(𝐿𝑇ℎ𝑖𝑔ℎ × sin(𝜃ST_Thigh − 𝜃𝑇ℎ𝑖𝑔ℎ)) ≥ (ℎST_Phase2 + ℎST_Phase1)    (7.3) 

Where, as illustrated in Fig. 7.4, 𝐿𝑇ℎ𝑖𝑔ℎ is the length of the Power Hip module, 𝜃ST_Thigh is the thigh 

angle during quiet sitting, ℎST_Phase1 is the calculated hip joint height during Phase 1 of sit-to-stand, 

and ℎST_Phase2 is the tunable target propulsion height. 

 

Fig. 7.4 Visualization of chair push-off calculation parameters. 
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7.4.1.3 Phase 3: Vertical displacement 

During Phase 3, the trunk begins to lean anteriorly while the hip continues to extend. At this stage, 

the high assistive torque used during push-off propulsion is no longer required since the COM is 

already in motion and remains within the base of support after completing the preceding phase. 

Instead, the Power Hip generates a small assistive torque to support continued hip extension and 

upward COM movement. This is achieved by setting torque parameters to 1 < K < 10, B = 0, and 

𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 0°. 

For a successful sit-to-stand completion, the hip joint must continue extending (𝜔𝐻𝑖𝑝 ≤  0), 

since any hip flexion during this phase results in COM descent, potentially causing the user to fall 

back into a seated position [78]. To prevent this, the Power Hip control locks in position when a 

downward COM displacement is detected (when 𝜔𝐻𝑖𝑝 > 0°/𝑠). COM displacement direction 

dependant torque control was implemented by alternating between high damping torque and low 

assistive torque based on the 𝜔𝐻𝑖𝑝 direction. High damping torque is applied by setting K > 100, 

B = 0, and 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜃𝑆𝑇_𝑃ℎ𝑎𝑠𝑒3, where 𝜃𝑆𝑇_𝑃ℎ𝑎𝑠𝑒3 is the last measured hip angle while  𝜔𝐻𝑖𝑝 < 0. 

Phase 3 is concluded when the prosthetic thigh absolute tilt angle reaches zero while         

𝜃𝐻𝑖𝑝 > 0, indicating that the maximum COM height is achieved while prosthetic knee and hip 

joints are in flexion.    

7.4.1.4 Phase 4: Recovery 

At the start of Phase 4, both prosthetic hip and knee joints are in flexion, and therefore hip extension 

must be performed toward the equilibrium angle to ensure COM stability [78] (i.e., prosthetic knee 

positioned directly beneath the prosthetic socket at its maximum extension angle to lock the knee 

in stance mode and prevent accidental knee buckling [189]). To facilitate this motion, the Power 

Hip generates a high assistive hip extension torque, achieved by setting 𝐾 > 100, 𝐵 = 0, and 

𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 0°. This high assistive torque drives the 𝜃𝐻𝑖𝑝 toward the equilibrium position. Through 

the coupled kinematics of Power Hip and prosthetic knee, this action simultaneously rotates the 

knee joint into full extension, ensuring stability and readiness for subsequent activities. 

Once the 𝜃𝐻𝑖𝑝 reaches equilibrium, a high dampening torque is continuously applied to 

maintain standing position.  
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7.4.2 Stand-to-sit control phases 

The progressive stance-controlled resistance of prosthetic knees can pose challenges for 

transfemoral and HKAF prosthetic users during the stand-to-sit transition [201]. Users often rely 

on complementary maneuvers to generate sufficient hip and knee flexion moments for the full 

duration of the activity [88]. The Power Hip joint provides an advantage in this context by 

producing assistive and dampening torque to minimize the need for prosthetic side unloading or 

compensatory maneuvers. 

Kerr et al. [90] previously decomposed the stand-to-sit activity of non-amputees into four 

distinct phases: trunk forward lean, knee flexion, vertical descent, and recovery. For the Power Hip, 

the decomposition was slightly modified to better represent the observed kinematic characteristics 

(Fig. 7.5). In preparation for knee flexion, instead of performing trunk forward leaning, the 

participant moved their prescribed prosthesis anterior to reduce the prosthetic knee extension 

moment. Therefore, trunk forward leaning during Phase 1 was replaced with "Knee extension 

moment reduction" to account for the differences in strategy.  

 

Fig. 7.5 Stand-to-sit activity phase-based decomposition for HKAF prostheses with mechanical hip 

joints (top row) and Power Hip joint (bottom row).  

7.4.2.1 Phase 1: Knee extension moment reduction 

During quiet standing, microprocessor-controlled knee joints are designed to generate high 

extension damping torque to prevent accidental buckling. However, this safety feature becomes a 
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limitation during the stand-to-sit transition since this approach increases the minimum torque 

required to initiate knee flexion [201]. Testing with participants in this study revealed that the 

torque required at the hip to counter the knee extension moment exceeded the maximum torque 

capability of the motor used in the prototype (96 N·m). This necessitated the development of a new 

strategy for prosthetic users to reduce the knee extension moment. 

Since knee extension moment magnitude depends on the load applied to the prosthetic side 

and the load’s horizontal distance from the knee's center of rotation, two possible strategies could 

be used by the prosthetic user to reduce this moment: reducing prosthetic-side loading or shifting 

the COM posterior. While unloading the prosthetic side can reduce the knee extension moment, 

this alters the base of support and decreases kinetic symmetry during the transition. Therefore, an 

alternative strategy was devised through participant experimentation to only use posterior COM 

movement. As depicted in Fig. 7.5, during Phase 1, the Power Hip maintains a steady damping 

torque near equilibrium (K > 100, B = 0, and 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 0°) while the participant uses their pelvis 

to perform a rapid hip extension movement resembling a kicking motion. This maneuver 

momentarily (<1 second) shifts the COM posterior to the knee, increasing the moment arm length 

and thereby reducing the knee extension moment. The Phase 1 to Phase 2 transition is completed 

when rapid hip extension is detected. Hence 𝜔𝐻𝑖𝑝 < 𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒1  < 0°/𝑠, where 𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒1 is a 

tunable hip extension velocity threshold.   

7.4.2.2 Phase 2: Knee flexion 

By leveraging the reduced knee extension moment achieved during Phase 1 through chained 

kinematics, assistive flexion torque generation at the hip joint is sufficient to initiate knee flexion. 

Using the Power Hip, this is achieved by configuring the parameters as K > 100, B = 0,  𝜃𝑇𝑎𝑟𝑔𝑒𝑡 =

𝜃𝑆𝐼_𝑃ℎ𝑎𝑠𝑒2 ≥ 10°, where 𝜃𝑆𝐼_𝑃ℎ𝑎𝑠𝑒2 is the tunable hip max flexion angle to be achieved during 

Phase 2. 

To prevent balance loss caused by the kicking motion in Phase 1, hip flexion is performed 

immediately after transitioning to Phase 2. This motion is delivered as a brief hip flexion torque 

burst to initiate COM descent required for Phase 3. The transition from Phase 2 to Phase 3 is 

completed once 𝜃𝐻𝑖𝑝 ≥ 𝜃𝑆𝐼_𝑃ℎ𝑎𝑠𝑒2. 

7.4.2.3 Phase 3: Vertical descent 

During Phase 3, hip and knee flexion are initiated, followed by forward trunk leaning during the 

vertical descent, which prepares the user for body weight transfer onto the seat. At this stage, the 
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Power Hip assists the user by providing assistive hip flexion. Assistive hip flexion is applied to the 

prosthetic knees that continually apply extension moments during sitting and thus, the assistive hip 

flexion torque is required to bend the knee during sitting [203]. This assistive torque is achieved by 

setting K > 100, B > 10, 𝜃𝑇𝑎𝑟𝑔𝑒𝑡 = 90° , and 𝜔𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3, where  𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3 is the hip 

flexion speed during stand-to-sit Phase 3 and is calculated using equation 7.4: 

𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3 = 𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒1 × ∁𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3  (7.4)  

where ∁𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3 is a tunable ratio. 

The transition from Phase 3 to Phase 4 is completed when the COM is a few centimetres above 

the seat. The distance can be estimated by measuring thigh absolute tilting angle and with the 

assumption that the seat is at knee height. Hence, the transition condition is met when 

𝜃𝑇ℎ𝑖𝑔ℎ ≤  sin−1(
ℎSI_Phase3

𝐿𝑇ℎ𝑖𝑔ℎ
 )   (7.5) 

where ℎSI_Phase3 is an adjustable threshold for the minimum height of the prosthetic user socket 

relative to the seat.  

7.4.2.4 Phase 4: Recovery 

During this phase, the prosthetic user transitions into quiet sitting by allowing their body to settle 

onto the seat. Power Hip does not assist during this phase, since neither displacement nor velocity 

control provides any functional benefit. Consequently, no torque is produced by the Power Hip, 

with the parameters set to K = 0 and B = 0. 

7.5 Power Hip performance evaluation 

Power Hip prosthesis performance was evaluated by comparing task execution times and kinetic 

symmetry between trials where a HD amputee used the prototype Power Hip or their prescribed 

prosthesis. This study was approved by the University of Ottawa (H-08-21-7062) and Carleton 

University (122696) ethics boards. Inclusion criteria required participants to have a unilateral hip 

disarticulation (right side), a minimum of three months of experience using a HKAF prosthesis, at 

least 18 years old, body mass under 100 kg (without the prosthesis), lead an active lifestyle, use 

their prosthesis daily, and ambulate independently without assistive devices such as a cane. As 

detailed in Table 7.1, a participant who met these criteria was recruited for the study. He was fitted 

with a new hip disarticulation socket at Nielen Prosthetic and Orthotic Clinic and trained by a 

certified prosthetist to use the Power Hip.  
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Table 7.1 Participant’s details 

Body 

height 

(cm) 

HKAF 

height 

(cm) 

Age 

(years) 

Body 

mass 

(kg) 

HKAF 

prosthesis 

use 

(years) 

Prescribed prosthesis  

Hip joint  
Knee 

joint  

1.80 89 25 64 6 
Ottobock 

Helix3D 

Ottobock 

C-Leg 

Training consisted of ten sessions, each lasting two hours. During the training period, the 

control strategies for sit-to-stand and stand-to-sit activities were refined, and parameter adjustments 

were made to suit the participant's individual needs. The training was deemed complete once the 

participant successfully executed five consecutive sit-stand-sit transitions.  

7.5.1 Test protocol 

After training was completed, motion capture technology was employed to calculate joint 

kinematics and kinetics. Evaluation trials were conducted at the Abilities Living Laboratory 

(Carleton University, Ottawa, Canada). Full-body 3D movements were captured using a Theia3D 

markerless motion capture system (version 2024-1-0-4409, Theia Markerless Inc., Kingston, ON, 

Canada) with 11 high-definition cameras operating at 100 Hz. This motion capture system employs 

computer vision and artificial intelligence algorithms to track 3D human movement without 

requiring physical markers. Force platforms were used to capture ground reaction forces at 1000 

Hz and were synchronized with the camera data. 

Prior to testing, system calibration was completed following Theia3D documentation [207]. 

After calibration, a chair with armrests was positioned in front of the force platforms. Then, the 

participant was asked to sit on the chair with one foot on each force plate. Ten sit-stand-sit trials 

were completed, five using their prescribed prosthesis and five using the Power Hip. With the 

Power Hip, sit-to-stand and stand-to-sit modes were activated sequentially using Bluetooth 

commands sent via a custom-built personal computer application. A minimum of 10 s was provided 

between trials to allow the participant to adjust their posture and reestablish idle standing or sitting. 

For each trial, the Theia3D software was used to create a 13-segment, six-degrees-of-freedom 

skeletal model. The synchronized ground reaction force data were also labelled and prepared for 

further processing. 
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7.5.2 Data analysis 

The 3D model generated by Theia3D was imported into Visual3D (version 2024.07.2) to compute 

and extract lower extremity joint kinetics and kinematics. Hip and knee joint angles were calculated 

using a Cardan sequence [208]. Trunk COM movements were calculated from the body model, in 

reference to the lab coordinate system. Joint moments were determined through inverse dynamics. 

Each trial's data were segmented according to the activity type (sit-to-stand or stand-to-sit) 

using the method described by Highsmith et al. [203]: 

• Sit-to-stand: Initiation occurs when the trunk COM moves forward by 10 mm and is 

completed when both the hip and knee are fully extended and remain extended for more 

than 0.25 seconds (±2° margin of error). 

• Stand-to-sit: Initiation occurs when either the hip or knee (prosthetic side) flexes by more 

than 5° relative to the quiet standing equilibrium angle and is completed when the trunk 

COM ceases posterior movement for more than 0.25 seconds (±5 mm margin of error) and 

both the hip and knee are flexed beyond 60°. 

The segmented kinetic and kinematic data were exported to MATLAB (R2024a) for further 

analysis and outcome measure calculation. Primary outcome measures included maximum vertical 

GRF, vertical GRF impulse, maximum knee moment, maximum hip moment, sit-to-stand duration, 

and stand-to-sit duration. GRF was normalized by body mass. Knee and hip moments were divided 

by the product of participant body mass and height. 

The control strategy was designed to ensure that the prosthetic user maintained consistent 

prosthetic-side loading during sitting and standing. Additionally, assistive hip torque was intended 

to counteract the prosthetic knee’s progressive resistance, thereby facilitating faster movements. 

Considering these capabilities, the Power Hip performance metrics should indicate shorter task 

execution times and reduced maximum kinetic differences between the intact side and the 

prosthetic side when compared to prescribed prosthesis results, as is the case for the TF amputees 

using microprocessor-controlled knees verses motorized knees [196, 203]. 

7.6 Results 

The participant successfully completed all trials with both prostheses without losing balance or 

requiring external assistance. He used the chair armrests during push-off phases for both prostheses. 

The tunable parameters outlined in Section 7.4 were initially configured to default values that were 

deemed theoretically non-taxing for prosthesis users. As the participant gained proficiency with the 
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Power Hip during training, both finite state machine parameters and impedance controller gains 

were iteratively adjusted to optimize performance. The finalized parameter configurations are 

documented in Appendix D. 

Sensor measurements from the Power Hip prosthesis are presented in Fig. 7.6, while maximum 

kinetic values (hip joint moments, knee joint moments, GRF) are summarized in Table 7.2. Kinetic 

profiles and COM trajectories are illustrated in Fig. 7.7. The positive knee and hip moments 

indicate external moments applied in the flexion direction, and negative moments indicate external 

extension moment generation. 

7.6.1 Power Hip motor output 

The Power Hip prosthesis executed all sit-to-stand and stand-to-sit transition phases as defined in 

Section 7.4. During sit-to-stand transitions, the prosthesis generated short, high-magnitude bursts 

of assistive power, peaking at 3.73 ± 0.35 W/kg during Phase 2 (chair push-off). In contrast, stand-

to-sit transitions produced lower peak assistive power (1.77 ± 0.15 W/kg), which occurred during 

Phase 3 (vertical descent). 

 

Fig. 7.6 Power Hip sensor measured motor angle, motor power, and sagittal thigh segment tilt angle 

of one sitting and standing trial.  

As theorized, prosthesis actuation dynamics are reflected in kinetic outcomes. Fig. 7.7A 

illustrates the effect of the Power Hip’s extension moment during Phase 2 of sit-to-stand transition 

(chair push-off), corresponding to the power that assisted in initiating COM upward movement. 
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Fig. 7.7B shows the hip and knee flexion external moments during Phase 2 of stand-to-sit transition, 

reflecting the prosthesis’ ability to reduce knee extension moments through active hip flexion. 

 

Fig. 7.7 Kinetics for sit-to-stand and stand-to-sit with Power Hip and participant’s prescribed 

prosthesis (average and standard deviation). Knee and hip joint positive values represent external 

moments in flexion direction, negative values represent external moments in extension direction.  

Vertical movement represents the Z-axis movement of the pelvis COM. A: the period representing 

Power Hip extension to assist during chair push-off (sit-to-stand Phase 2), B: the period 

representing knee extension moment reduction (stand-to-sit Phase 1). 

7.6.2 Ground reaction force 

During both sit-to-stand and stand-to-sit transitions, the participant exhibited a preference for 

loading the intact limb, consistent with patterns observed in TF amputees [203]. However, the 

Power Hip prosthesis reduced the maximum force disparity between the prosthetic and intact sides 

during transitions, with differences of 5.34 ± 0.68 N/kg (sit-to-stand) and 1.00 ± 0.64 N/kg (stand-

to-sit). These improvements were attributed to peak kinetic outputs facilitated by the Power Hip’s 

actuation bursts during early transition phases (Fig. 7.7A and Fig. 7.7B). In contrast, the prescribed 

prosthesis resulted in larger force differences (7.34 ± 1.87 N/kg during sit-to-stand; 3.70 ± 1.95 

N/kg during stand-to-sit). 
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Table 7.2 External joint moments, GRF, and execution duration differences between Power Hip 

and prescribed passive HKAF prosthesis during sit-to-stand and stand-to-sit transition 

 Sit-to-stand Stand-to-sit 

 Power Hip Prescribed  Power Hip Prescribed  

Intact side GRF (N/kg) 8.03 ± 0.56 7.64 ± 2.04 6.37 ± 1.01 7.98 ± 1.03 

Prosthetic side GRF (N/kg) 2.69 ± 0.34 0.30 ± 0.67 5.37 ± 0.52 4.28 ± 1.00 

Intact side GRF impulse (N∙s/kg) 7.91 ± 3.58 4.16 ± 4.02 4.97 ± 0.78 15.06 ± 2.90 

Prosthetic side GRF impulse (N∙s/kg) 1.66 ± 1.10 0.03 ± 0.07 4.36 ± 0.17 5.69 ± 0.66 

Intact side knee moment (N/kg) -0.90 ± 0.19 -0.84 ± 0.32 0.69 ± 0.06 0.60 ± 0.26 

Prosthetic side knee moment (N/kg) 0.35 ± 0.02 0.09 ± 0.06 -0.48 ± 0.06 -0.10 ± 0.05 

Intact side hip moment (N/kg) -0.97 ± 0.06 -0.68 ± 0.62 1.61 ± 0.18 2.35 ± 0.48 

Prosthetic side hip moment (N/kg) -0.79 ± 0.06 0.01 ± 0.21 0.84 ± 0.06 0.32 ± 0.13 

Transition Duration (s) 1.69 ± 0.49 1.22 ± 0.40 1.22 ± 0.08 2.62 ± 0.41 

 GRF impulse analysis further highlighted these differences. With the prescribed prosthesis, 

sit-to-stand transitions showed intact-side dominance, with impulses of 4.16 ± 4.02 N·s/kg (intact) 

versus 0.03 ± 0.07 N·s/kg (prosthetic). The Power Hip promoted more balanced loading, yielding 

7.91 ± 3.58 N·s/kg (intact) and 1.66 ± 1.10 N·s/kg (prosthetic). Similarly, during stand-to-sit 

transitions, the Power Hip reduced GRF impulse differences (0.61 ± 0.83 N·s/kg) compared to the 

prescribed prosthesis (9.37 ± 2.69 N·s/kg). 

Maximum summed GRF magnitudes during sit-to-stand transitions were lower than the 

participant’s body mass (64 kg) for both prostheses (Power Hip: 55.94 ± 3.62 kg; prescribed: 49.88 

± 13.30 kg). This discrepancy likely arose from the participant’s reliance on chair armrests for 

assistance, which reduced lower limb loading demands. 

7.6.3 Hip moment 

Hip joint moment differences between the intact and prosthetic sides were greatly reduced with the 

Power Hip prosthesis compared to the prescribed HKAF prosthesis during both sit-to-stand (Power 

Hip: -0.18 ± 0.09 N/kg, prescribed: -0.69 ± 0.67 N/kg) and stand-to-sit (Power Hip: 0.77 ± 0.20 

N/kg, prescribed: 2.03 ± 0.58 N/kg).  

During sit-to-stand, the Power Hip generated a maximum hip extension moment of -0.79 ± 

0.06 N/kg, whereas the prescribed joint dampened hip movement by generating a small flexion 

torque (0.01 ± 0.21 N/kg). However, during stand-to-sit transitions, the prescribed HKAF appeared 

to contribute flexion moments, which was achieved through externally generated forces (e.g., using 
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his hand to manually reposition the prosthetic limb and flex the knee) rather than intrinsic joint 

actuation (Fig. 7.5). This contrasts with the Power Hip, which generated flexion moments via motor 

actuations. 

7.6.4 Knee moment 

During sit-to-stand transitions, the Power Hip prosthesis generated a prosthetic-side knee flexion 

moment of 0.35 ± 0.02 N·m/kg, actively damping joint movement, which was greater than that of 

the prescribed HKAF prosthesis (0.09 ± 0.06 N·m/kg). Similarly, during stand-to-sit transitions, 

the Power Hip’s prosthetic knee produced a flexion moment of -0.48 ± 0.06 N·m/kg to dampen 

knee extension, compared to the small damping observed with the prescribed prosthesis (-0.10 ± 

0.05 N·m/kg). 

The high prosthetic knee damping during Power Hip sitting stemmed from the Rheo Knee 3 

progressive stance control feature that resisted knee movement. The limited moment generation of 

the prescribed prosthetic knee could have been due to the limited prosthetic-side loading since 

prosthetic knees are designed to dampen only when they are loaded beyond a certain threshold [97].  

7.6.5 Duration 

The participant completed both sit-to-stand and stand-to-sit transitions more rapidly with both 

prostheses, compared to average durations reported in prior literature on TF amputees (Highsmith 

et al. [203]). However, distinct temporal patterns emerged between HKAF prosthesis types. During 

sit-to-stand transitions, the Power Hip prolonged the transition (1.69 ± 0.49 s) relative to the 

prescribed HKAF (1.22 ± 0.40 s), though both remained faster than reported TF amputees (2.0 ± 

0.8 s). In contrast, during stand-to-sit transitions, the Power Hip enabled faster transitions (1.22 ± 

0.08 s) compared to both the prescribed HKAF (2.62 ± 0.41 s) and the TF group (2.8 ± 0.6 s). This 

improvement during stand-to-sit may be attributed to the Power Hip’s hip flexion assistance, which 

stabilized the descent phase and reduced the effect of progressive prosthetic knee dampening. 

7.7 Discussion 

This study demonstrated that a novel Power Hip prosthesis can enable more symmetric lower limb 

loading during sit-to-stand and stand-to-sit by providing appropriate hip moments at the right time. 

The participant used the Power hip for consecutive sitting and standing without losing balance 

while maintaining loading on both limbs during transitions. Furthermore, the stand-to-sit transition 

time was reduced. However, the sit-to-stand transition time was longer than conventional joints. 
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This hip joint advancement has the potential to improve functional outcomes during sit-to-stand 

and stand-to-sit transitions in individuals with HD amputations. 

7.7.1 Kinetic differences 

Analysis of kinematic data (Fig. 7.7) and peak kinetic values (Table 7.2) demonstrated two 

principal advancements of the Power Hip over the prescribed prosthesis: (1) improved weight-

bearing on the prosthetic limb during transitions, and (2) reduced reliance on upper-body 

compensation. 

7.7.1.1 Increased prosthetic-side loading 

The Power Hip demonstrated improvements in redistributing kinetic demands between limbs 

during sit-to-stand and stand-to-sit transitions. The prosthesis reduced asymmetry in GRF and hip 

joint moments compared to the prescribed HKAF prosthesis. The Power Hip’s assistive hip 

extension moments during sit-to-stand and controlled flexion resistance during stand-to-sit 

replicated biomechanical patterns observed in TF amputees [33], thereby reducing overloading of 

the intact limb. 

However, the Össur Rheo Knee 3 XC (Knee module of the prototype) introduced challenges 

during stand-to-sit transitions. Unlike prosthetic knees with dedicated damping profiles for stand-

to-sit transitions, the Rheo Knee 3 XC lacks such functionality, necessitating active hip flexion 

from the Power Hip to counter the progressive damping and regulate vertical descent. This 

constraint contrasts with prosthetic knees that produce limited damping during sitting. Therefore, 

if the Power Hip was equipped with such a prosthetic knee, an alternative control method might be 

required for Phase 3 of stand-to-sit. 

7.7.1.2 Reduced upper-body reliance 

The kinetic profiles in this study diverged from reported TF amputees and able-bodied results in 

the literature [79, 86, 199]. HD amputees inherently adopt distinct COM transitional strategies due 

to the absence of a femoral segment, which alters weight-shifting mechanics and increases reliance 

on upper-body support. However, in the context of HD amputees, the Power Hip reduced this 

reliance compared to the prescribed HKAF prosthesis.  

During sit-to-stand, while direct upper-limb loading was not quantified, the Power Hip’s 

redistribution of kinetic demands reflected in higher intact and prosthetic-side GRF values (from 

the beginning of Phase 1) suggests reduced compensatory reliance on the upper body (Fig. 7.7). 

This contrasts with the prescribed HKAF, where the participant initiated vertical COM movement 
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before loading either limb (no GRF reading on either side during 20–40% of the transition), 

resulting in total dependence on upper-body effort.  

During stand-to-sit transition, with the prescribed prosthesis, upper-body engagement was 

necessary during Phases 1 and 2 to perform the hip and knee flexion. In contrast, the Power Hip 

eliminated upper-body involvement during these early phases, due to its active hip flexion control. 

However, as Phase 3 commenced, regardless of the prosthesis type, the participant consistently 

reached out to the chair arm rests for stabilization.  

7.7.2 Transition execution time 

The Power Hip demonstrated contrasting performance profiles during sit-to-stand and stand-to-sit 

transitions compared to the prescribed HKAF and TF amputee results from literature [203]. During 

sit-to-stand, the participant achieved faster transitions with the prescribed HKAF (1.22 ± 0.40 s) 

than with the Power Hip (1.69 ± 0.49 s). However, the prescribed HKAF reduced timing came at 

the cost of near-complete reliance on upper-body force generation, since the participant failed to 

load the prosthetic limb during chair push-off (Fig. 7.7). In contrast, the Power Hip promoted 

bilateral limb loading, reducing upper-body dependence and offering potential advantages for users 

with limited upper-limb strength.  

While the Power Hip’s motorized hip extension could theoretically further accelerate chair 

push-off, participant feedback during training indicated discomfort due to abrupt torque 

transmission through the socket and onto the participant’s pelvis. In the future iterations of the sit-

to-stand control strategy, this limitation could be addressed through torque-profile smoothing or 

control algorithms that can more accurately estimate the user’s desired push-off acceleration.  

The participant’s faster overall transition times relative to the TF amputees may stem from 

methodological differences, particularly the permitted use of chair armrests for support in this 

study. Such external assistance likely reduced biomechanical demands, masking the full impact of 

prosthetic design on transition timing. With more time to accommodate to the powered sit-stand 

movements, the participant may evolve to a more balanced approach, with efficient bilateral limb 

loading but also effective use of armrests to aid in the movement tasks. 

7.7.3 Limitations 

A limitation of this study is the relatively brief training period, which may have influenced the 

outcomes. Extended training with the prosthesis could conceivably improve sitting and standing 

symmetry as well as activity completion duration [68]. Another factor potentially affecting the 
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results is the knee component utilized in this study. Because only the Össur Rheo XC 3 knee was 

evaluated, the findings may not directly translate to other knee designs that incorporate alternative 

sitting control strategies. Future research should encompass a broader array of prosthetic knee 

designs to assess their effect on kinetic symmetry and the duration of transitional movements. 

Furthermore, the study sample was limited to one experienced prosthesis user with an active 

lifestyle. Consequently, the results may not be readily generalizable to the wider population of 

prosthesis users, particularly those with lower activity levels or less experience. Subsequent 

investigations should incorporate a larger and more diverse cohort to enhance the reliability of the 

findings. 

7.8 Conclusion 

This study demonstrated how a HKAF prosthesis with a motorized hip joint can improve sit-to-

stand and stand-to-sit execution for HD amputees. The untethered Power Hip prototype 

successfully achieved more symmetric loading between limbs and enabled faster stand-to-sit 

transitions compared to a conventional HKAF prosthesis, potentially reducing the physical demand 

and improving the balance during transitions. The participant’s adaptation to the device within a 

short training period further supports its viability for real-world applications. By mimicking TF 

amputees’ hip kinematics through active moment generation, the Power Hip addresses some 

limitations of passive prostheses, which often necessitate excessive upper-body and intact-limb 

reliance. 

However, challenges remain. The influence of external factors such as chair height and upper-

body assistance on prosthetic performance warrants further investigation to improve the control 

strategies. Future studies should explore how the Power Hip prosthesis can facilitate transitions 

without upper-limb support from armrests (a common requirement in real-world environments) and 

evaluate its efficacy across varied seating configurations. Such research would clarify the Power 

Hip’s adaptability to diverse user needs and environments. Ultimately, this research advances the 

design and evaluation of motorized prosthetic systems for HD amputees, offering a pathway to 

improved functional independence and quality of life. 
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Chapter 8: Conclusion 

8.1 Summary of thesis work 

This thesis advances the development and evaluation of motorized HKAF prostheses for 

individuals with HD amputations through novel control strategies, sensor integration, and 

comparative performance analyses. Collectively, this research demonstrated that motorized HKAF 

prostheses, driven by adaptive control algorithms, address many limitations of conventional 

prostheses such as: improving symmetry, increasing hip range of motion, reducing the magnitude 

of complementary movements, eliminating the need for external sensors, ensuring compatibility 

with existing sockets, and prioritizing HD user-centric controls, the developed system advances 

toward commercialization of Powered HKAF prostheses. Future research should focus on long-

term usability studies where participants use the Power Hip in the community, refinement of pelvic 

kinematic feature extraction algorithms, and scalability to diverse user populations. These 

innovations mark a shift in prosthetic options for people with HD or HP amputations, offering 

renewed opportunities for functional independence and improved quality of life. 

When assessing the testing outcomes, it should be noted that the participants were learning to 

use the prototype Power Hip while the hardware (rope system, electronics, etc.) and software were 

iteratively improved between training sessions. Therefore, the final evaluations were performed 

before the prosthesis user had fully learned to use the Power Hip advantages. Examples include 

large improvements in walking over the final training session outside of parallel bars (i.e., larger 

space for unconstrained walking) and lack of practice on sharp turns increasing their time to 

complete the 2MWT. More time using the Power Hip should enable HKAF prosthesis users to 

retrain their ingrained gait patterns to avoid unnecessary compensatory movements, find novel 

ways to efficiently turn and move in smaller spaces, sit and stand more efficiently, gain confidence 

in relying on the prosthesis to assist them, and unconsciously make better use of the motor to reduce 

energy expenditure.  

The summarized contributions of Chapters 3 to 7 toward achieving the thesis objectives are 

detailed in following sub-sections. 
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8.1.1 Objective 1: Develop a motorized HKAF prosthesis control strategy for gait initiation, 

termination, and level walking 

An algorithm was developed to calculate hip kinematics throughout the gait cycle for active 

prosthesis control using pelvic tilt, rotation kinematics, and stance time of TF amputees (Chapter 

4). This method enabled real-time hip trajectory generation for a gait controller that only relied on 

pelvis and ipsilateral limb kinetics and kinematics. The algorithm was validated using TF prosthetic 

user kinetics and kinematics [154]. Small angular RMSE were found between the algorithm results 

and motion capture data. The greatest difference was for hip maximum extension angle (2.5 ± 2.0°). 

Since differences between algorithm output and motion data were within averaged standard 

deviations (by 1° for development group and by 1.2° for validation group), the developed algorithm 

was deemed viable to be used in developing a gait control strategy for the Power Hip HKAF 

prototype. 

Chapter 5 introduced a speed-adaptive gait control strategy for a motorized HKAF prosthesis, 

leveraging the algorithm presented in Chapter 4 and the framework proposed by Tucker et al. [23]. 

The Power Hip prototype demonstrated successful user speed adaptation, with the participant 

achieving hip kinematics comparable to TF amputees in all walking speeds (0.69 m/s for slow, 0.90 

m/s for self-paced, and 1.01 m/s for fast walking speeds). Specifically, maximum prosthetic-side 

hip extension velocities and prosthetic-side hip ROM closely matched the TF amputee data. This 

proved that the Power Hip prototype and control strategy were viable tools that could be used for 

further studies on walking capabilities with motorized HKAF prostheses. 

8.1.2 Objective 2: Develop a motorized HKAF control strategy for sit-to-stand and stand-to-

sit transitions 

Chapter 7 of this thesis reported on a successful control strategy for sit-to-stand and stand-to-sit 

using the Power Hip prosthesis. Research on prosthetic design or control methods aimed at 

improving chair sitting and standing remains limited, making the findings presented in this thesis 

work pioneering in the field. Due to the scarcity of kinetic and kinematic data on passive HKAF 

prostheses during these tasks, control strategy development relied on participant feedback and 

observational data. 

Building on the gait control strategy framework discussed in Chapter 5, the control 

frameworks for sit-to-stand and stand-to-sit activities were developed to rely solely on internal 

sensors (pelvic IMU, axial force sensor, thigh IMU, hip joint angle sensor). As a result, the same 

Power Hip prototype was used during evaluations without requiring any hardware modifications. 
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The control strategy was verified during participant training with the prosthesis. After 10 

training sessions during which the hardware and software were refined, the participant was able to 

stand up from and sit down onto a chair without losing balance or relying on parallel bars for 

support. Although the participant could perform these tasks without relying on the chair’s armrests, 

additional training was required to provide sufficient experience and confidence to execute the 

movements independently. Consequently, the final evaluation study was conducted using a chair 

equipped with armrests that could provide support if needed. 

The results of the evaluation demonstrated that the Power Hip provided sufficient torque to 

assist the user through the transitions without hindering their movements. The Power Hip’s motor 

sensors measured maximum torque outputs of 63.90 N·m during sit-to-stand and 52.04 N·m during 

stand-to-sit. These values are well within the maximum capability of the Power Hip motor (96 

N·m), further validating its effectiveness in aiding users during these transitions. 

8.1.3 Objective 3: Quantify the gait control strategy and prototype performance by 

comparing the prototype performance to prescribed mechanical HKAFs used by HD 

amputees 

Using the Power Hip prototype hardware and the control strategy developed in Chapter 5, a 

comparative study was conducted and detailed in Chapter 6 to quantify performance differences 

between the Power Hip and conventional HKAF prostheses. Two-minute and three-speed walk test 

outcomes revealed improved gait biomechanics with the motorized hip, including improved spatial 

and temporal gait symmetry and reduced complementary movements such as pelvic tilt, compared 

to same participant’s prescribed prosthesis. This demonstrated the potential of motorized HKAF in 

improving mobility. 

Although the participant walked slightly slower during the tests with the Power Hip (Power 

hip: 0.69 to 1.02 m/s, prescribed: 0.60 to 1.12 m/s), they reported greater satisfaction with speed 

adaptability and overall comfort. Additionally, despite the increased weight of the Power Hip, the 

participant did not perceive device weight as a hindrance. In fact, the Power Hip helped maintain 

forward momentum, contributing to a smoother walking experience. 
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8.1.4 Objective 4: Quantify the chair sitting and standing control strategy and prototype 

performance by comparing the prototype performance to prescribed mechanical HKAFs 

used by HD amputees 

In Chapter 7, in addition to discussing the methods used to develop the control strategy, 

comparative tests were conducted to evaluate whether the motorized hip joint could provide 

quantifiable benefits to users compared to conventional HKAF prostheses. The findings 

demonstrated both advantages and trade-offs when comparing the Power Hip to the participant’s 

prescribed HKAF prosthesis. During sit-to-stand, more body weight was applied to both lower 

limbs when using the Power Hip compared to the conventional prosthesis. Thus, reliance on upper-

body forces during chair push-off was reduced, addressing a limitation of passive devices. 

However, this benefit came at the cost of increased transition duration (Power Hip: 1.69 ± 0.49 s; 

Prescribed: 1.22 ± 0.40 s). In contrast, during stand-to-sit, the participant was able to distribute 

weight more evenly between both legs while completing the movement faster with the Power Hip 

compared to the prescribed prosthesis. These results align with trends observed in past studies 

involving different prosthetic designs [89, 203], suggesting that the Power Hip reduces the physical 

demands of these tasks while enhancing balance stability. Overall, the motorized hip joint offered 

functional improvements, though further refinements and participant training time may be 

necessary to optimize task execution speed. 

8.2 Future research directions 

This thesis establishes foundational insights into the capabilities of the Power Hip prosthesis, yet 

numerous avenues for further investigation remain. The following short- and long-term research 

pathways are proposed to advance the Power Hip functionality, accessibility, and clinical 

integration: 

8.2.1 Short-term research directions 

1. Expanded clinical validation: Conduct multi-participant trials to evaluate Power 

Hip’s performance across diverse anatomical and functional profiles. Data collection 

during walking and sit-stand-sit activities will assess reproducibility and refine control 

strategies for real-world variability. 

2. Adaptive control for complex terrains: Extend the current control framework to 

accommodate sloped surfaces and uneven terrain. This development would enhance 

device adaptability to environmental challenges. 
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3. Stair navigation capabilities: Integrate stair ascent and descent functionalities into 

the control architecture. This advancement would address a mobility limitation for HD 

amputees, who may avoid stairs entirely with passive prostheses. 

4. Automated parameter tuning: Implement self-learning algorithms (e.g., Recursive 

Least Squares, Simulated Annealing, or Simple Genetic Algorithms) to reduce manual 

control parameter tuning efforts. Automating parameter optimization would minimize 

training time and enable personalized adjustments for new users. 

5. Alternative joint design evaluations: Adapt the control strategy for a side-mounted 

hip joint configuration, comparing its performance with the current front-mounted 

Power Hip and passive prostheses.  

6. Durability and field testing: Develop a next-generation prototype for long-term loan 

to participants, enabling in-home and community-based evaluations. This step is 

critical for assessing reliability under prolonged use and refining maintenance 

protocols. 

8.2.2 Long-term research directions 

1. Diverse population studies: Evaluate the Power Hip’s efficacy across broader user 

demographics, including individuals with varying physical fitness levels, or limited 

prior experience with HKAF prostheses. Such studies would ensure equitable 

accessibility and identify user-specific adaptation patterns. 

2. Longitudinal health outcomes: Investigate the Power Hip’s effect on musculoskeletal 

health, metabolic efficiency, and quality of life over long-term use. Metrics such as 

joint loading symmetry, muscle atrophy prevention, and user-reported satisfaction 

would clarify its clinical benefits. 

3. Standardized rehabilitation protocols: Design evidence-based guidelines for 

parameter tuning and user training, streamlining the onboarding process for 

prosthetists and end-users. This would facilitate widespread clinical adoption and 

reduce barriers to implementation. 

4. Integration with emerging technologies: Explore synergies with neural interfaces, 

wearable sensors, or predictive AI models to enable intuitive, anticipatory control. 

Such advancements could further reduce cognitive load and improve user-prosthesis 

symbiosis. 
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The Power Hip represents a transformative step toward restoring functional independence for 

HD amputees, but its full potential hinges on iterative refinement and scalability. By addressing 

these short- and long-term objectives, future research can bridge the gap between laboratory 

innovation and real-world impact, ultimately redefining mobility solutions for individuals with 

high-level amputations. 
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Appendix A 

This section displays the data acquisition schematics from Chapter 3.3 

 

Fig. A.1 Electronics schematic of the main data acquisition board. 
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Fig. A.2 Electronics schematics of the load cell ADC board. 
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Appendix B 

Real-time hip angle calculation algorithm 

Sequence 1:  Foot-strike to pelvic rotation zero-crossing time 

𝐶𝐻𝜃(𝑡) = 𝐻𝜃𝐹𝑆  + (𝑃1ꞷ𝛼 × 𝑡), 0 < 𝑡 ≤ 𝑃𝑅τ𝑍𝐶1      

where t is the gait time initiated at foot-strike (t=0 is foot-strike instant), CHθ(t) is the calculated 

hip angle throughout the gait time, P1ꞷα is the period 1 calculated constant angular velocity at foot-

strike.  

𝑃1ꞷ𝛼 = 
𝐻𝜃̅̅ ̅̅

𝑀𝐸−𝐻𝜃𝐹𝑆

𝐻𝜏́ 𝑀𝐸−𝜏𝐹𝑆
     

where Hθ̅̅ ̅̅
ME is the per-person hip max extension angle constant, HθFS is the hip angle at foot-strike, 

Hτ́ME is past-stride hip max extension time, and τFS is the foot-strike time. Hθ̅̅ ̅̅
ME was determined for 

each participant based on their averaged hip max extension angle across all strides.  

Sequence 2: pelvic rotation zero-crossing time to pelvic tilt zero-crossing time  

𝐶𝐻𝜃(𝑡) = 𝐶𝐻𝜃(𝑃𝑅𝜏𝑍𝐶)  + (𝑃1ꞷ𝛽  × 𝑡),  𝑃𝑅𝜏𝑍𝐶1 < 𝑡 ≤ 𝑃𝑇𝜏𝑍𝐶         

where PRτZC is the pelvic rotation first zero-crossing time, PTτZC is the pelvic tilt zero-crossing 

time, and P1ꞷβ is the calculated period 1 calculated constant angular velocity when PRτZC is 

achieved.  

𝑃1ꞷ𝛽 = 70 + 2.177 × (
∆𝐻𝜃

PRτ𝑍𝐶− 𝜏𝐹𝑆
+ 𝑃1ꞷ𝛼) ÷ 2       

where P1ꞷβ is the calculated constant angular velocity for sequence 2, P1ꞷα is the sequence 1 

calculated constant angular velocity, τFS is the foot-strike time, and PRτZC is the pelvic rotation first 

zero-crossing time.  

Constant values (70, 2.177) were obtained from the correlation analysis in thesis Section 4.3.2. 
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Sequence 3: pelvic tilt zero-crossing time to hip max extension time 

𝐶𝐻𝜃(𝑡) = 𝐶𝐻𝜃(𝑃𝑇𝜏𝑍𝐶)  + (𝑃1ꞷ𝛽  × 𝑡), 𝑃𝑇𝜏𝑍𝐶1 < 𝑡 ≤ 𝐻𝜏𝑀𝐸    

Sequence 4: hip max extension time to stance time 

𝐶𝐻𝜃(𝑡) = 𝐶𝐻𝜃(𝐻τ𝑀𝐸)  + (𝑃2ꞷ𝛼  × 𝑡), 𝐻𝜏𝑀𝐸 < 𝑡 ≤ 𝜏𝑆    

where P2ꞷα is the calculated constant angular velocity at sequence 4, HτME is the calculated hip 

max extension time, and τS is the foot-off time.  

 𝑃2ꞷ𝛼 = 
𝐻𝜃̅̅ ̅̅

𝑀𝐹−𝐶𝐻𝜃(𝐻𝜏𝑀𝐸)

𝐻𝜏𝑀𝐹𝛼−𝐻𝜏𝑀𝐸
      

where Hθ̅̅ ̅̅
MF is the per-participant hip max flexion angle constant, CHθ(HτME) is the calculated hip 

max extension angle at sequence 3, HτMFα is the calculated hip max flexion time, and HτME is the 

calculated hip max extension time. 

Sequence 5: Stance time to hip max flexion time 

𝐶𝐻𝜃(𝑡) = 𝐶𝐻𝜃(𝜏𝐹𝑂)  + (𝑃2ꞷ𝛽  × 𝑡), 𝜏𝑆 < 𝑡 ≤ 𝐻𝜏𝑀𝐹𝛽      

where P2ꞷβ is the calculated period 2 calculated constant angular velocity when τS is achieved, 

HτMFβ is the hip max flexion time, and τFO is the foot-off time. 

Sequence 6: hip max flexion time to next foot-strike 

𝐶𝐻𝜃(𝑡) = 𝐶𝐻𝜃(𝐻τ𝑀𝐹𝛽), 𝐻τ𝑀𝐹𝛽 < 𝑡    
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Appendix C 

Tuned Power Hip gait control parameters 

Finite state machine thresholds: 

• 𝑡ℎ1 = −0.9 

• 𝑡ℎ2 = 0.9 

• 𝑡ℎ3 = 0.5 

 

Hip flexion states parameters: 

• 𝑟𝜃𝑓𝑙𝑒𝑥𝑖𝑜𝑛 = 0.4 

• 𝜃Max ROM = 45  

• 𝑆𝐶 = 30 

• 𝑟𝑍𝐶 = 0.3 

• 𝑏𝑍𝐶 = 0.1461 

• 𝑟𝑆𝑡𝑎𝑛𝑐𝑒 = 0.3 

• 𝑏𝑆𝑡𝑎𝑛𝑐𝑒 =  0.0874  

 

Hip extension state parameters: 

• 𝑟𝑆𝑇1 𝑡𝑖𝑚𝑒 = 0.5 

 

Table C.1 Impedance-based controller tuned gains for each gait subphase 

 GI ST1 ST2 ST3 SW1 SW2 

K gain 23.0 4.0 20.0 1.0 0.5 6.0 

B gain 0.1 2.0 0.0 0.5 0.1 1.0 
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Appendix D 

List of tuned Power Hip sit-to-stand and stand-to-sit control parameters 

 

Tunable control parameters 

• 𝜃𝑆𝑇_𝑃ℎ𝑎𝑠𝑒1 = 10    

• ℎ𝑆𝑇_𝑃ℎ𝑎𝑠𝑒2 = 10 

• ∁𝑆𝑇_𝑃ℎ𝑎𝑠𝑒2 = 0.6   

• 𝜔𝑆𝐼_𝑃ℎ𝑎𝑠𝑒1 = −10  

• 𝜃𝑆𝐼_𝑃ℎ𝑎𝑠𝑒2 = 30   

• ∁𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3 =  3 

• ℎ𝑆𝐼_𝑃ℎ𝑎𝑠𝑒3 = 10   

 

Table D.2 Impedance-based controller tuned gains for each sit-to-stand and stand-to-sit phases 

 Phase 1 Phase 2 Phase 3 Phase 4 

Sit-to-stand     

K gain 0.2 5.0 10.0 23.0 

B gain 0.0 3.0 0.5 0.0 

Stand-to-sit     

K gain 20.0 40.0 2.0 0.0 

B gain 1.0 0 1.0 0.0 

 

 

  

 


