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Abstract 

Developing a Framework for an Adaptive Transtibial Prosthetic Socket 

using FEA-based Tissue Injury Risk Estimation and Generalised 

Predictive Control  
To perform daily activities, people with amputation depend on the socket for stability and 
proprioceptive feedback for control over their prosthetic. Sockets are bespokely fitted, rarely 
definitive, and require iterative, expensive replacement to accommodate residual limb 
changes. The socket is the primary load-bearing interface and user comfort is greatly linked 
to the quality of the socket fit. Poorly fitting sockets cause pain, limb tissue injuries, limited 
device usage, and potential rejection. Contact stresses at the socket-limb interface and strain 
of underlying soft tissues greatly determine user comfort and the risk of residuum tissue 
injury. Adjustable socket technologies exist, but are passive or semi-passive, entrusting 
responsibility of determining safe interface pressure levels solely on the user’s perception. 
This research entails a set of theoretical studies developing a framework for an automatically 
adjustable prosthetic socket system enabling estimation of residuum tissue injury risk for 
safe interface pressure modulation, within a control system structure.  
 
Candidate methods for functional interface actuation were identified, and their design 
specifications and theoretical models developed and described. A comparative Concept-
Design Failure Mode and Effects Analysis was performed, considering the limitations of the 
different actuation options for the adaptive socket system. This revealed that the probability 
of detection of some potential design weaknesses largely determines overall failure risk 
criticality among the actuation options. Also, mitigation measures to address high scoring 
risks should consider users with compromised sensory perception of discomfort or injury.  
 
A study was performed using finite element modelling, to determine the effect of local socket 
stiffness changes on tissue strain and interface pressure, and between select anatomical 
regions. Minimal changes in compressive strain (< 2%) indicated negligible cross-effects 
between regions, and appropriate application of an uncoupled controller configuration for 
the multiple interface actuators. Application of representative prosthetic loading instances 
allowed estimation of interface pressure-tissue strain relationships at the actuator locations. 
These were used as training data to create surrogate models for each location for tissue injury 
risk assessment within the socket system control framework.  
 
Generalised Predictive Control (GPC) was simulated for active interface actuation within 
estimated safe and functional limits. Optimisation of a cost function to minimise tissue injury 
risk by adaptive interface pressure control showed adequate dynamic performance. 
Feasibility of the GPC formulation to satisfy operational requirements, and its influence on 
actuation performance of the different actuators for prosthetic device usage in several 
scenarios was demonstrated. This research provides a systematic development platform for 
designing an adjustable prosthetic socket integrating dynamic monitoring and minimisation 
of sub-dermal residuum tissue injury risk with active adaptation of the interface pressure.  
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function 

 

 





Chapter 1 

1 

Chapter 1 Introduction  

1.1 Context and Motivation  

The loss of a lower limb directly affects an individual’s mobility, independence and quality 

of life, which indirectly generates enormous social and economic effects. Such impact is 

particularly significant in lower and middle income countries where the majority of the 

people affected are young and in the economically active ages between 31 – 45 years [1–4]. 

In the UK alone, there are over 7500, approximately 2.2 – 21.3 per 10000, major lower limb 

(above the ankle) amputations per year. This number is observed to be rapidly rising each 

year (over 200% increase from 1996 – 2014) mainly due to complications related to the 

growing global epidemic of type II diabetes [5–7]. 53% of the referrals to prosthetics services 

in the UK following lower limb amputation are transtibial (below-knee) level, while 39% 

are transfemoral (above-knee)[8]. Over 90% of lower limb amputations (LLAs) are due to 

advanced peripheral arterial diseases (PAD), blood circulation disorders caused by 

narrowing or blockage of the blood vessels [7, 9]. The prevalence of LLA is 15 – 23 times 

higher for people with diabetes because of damage to the nerves, muscles, sweat glands and 

circulation in the feet and legs, especially if the disease is poorly managed [7, 10]. Other 

causes of LLA include trauma, infection, neurological disorders, neoplasia and congenital 

absence, ranked by decreasing incidence [8].  

The socket is the part of a lower limb prosthetic device that contains the residual amputated 

limb (‘residuum’ or ‘stump’). It is the point of contact between a person with an amputation 

(PWA) and their prosthesis, and hence is the first element of the artificial limb that informs 

their perception and level of comfort. It is the most important component of a prosthesis 

system. Currently, even in high resource settings, all prosthetic sockets are bespokely fitted 

by specialised clinicians (prosthetists), and require costly, tiresome, labour-intensive, 

iterative procedures in rehabilitation clinics [11]. It is also reported that not every PWA is 

able to access optimum customised socket fitting expertise [2, 12]. Furthermore, according 

to the International Society for Prosthetics and Orthotics (ISPO) and the World Health 

Organization (WHO), the global majority of people with lower limb amputations are in 

lower and middle income countries (approximately 30 million people) [13, 14]. In addition 

to resource constraints, specialised facilities and qualified medical personnel are in severe 

shortage in these environments and as a result, very few of the PWA, (5% – 15%) according 

to a WHO survey, even get a prosthesis fitted [12]. 
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Prosthetic sockets are rarely definitive and need iterative, expensive replacement to 

accommodate the constant changes in volume and shape of the residual limb [15, 16]. Poorly 

fitting sockets cause daily discomfort and pain, and potentially limited prosthesis usage due 

to blood flow occlusion, skin breakdown and tissue injuries such as degenerative stump 

ulcers, which in severe cases could lead to re-amputation or life threatening conditions [17–

19]. Pressure-related tissue injury may initially develop in the skin and advance to the 

underlying soft tissue layers, or begin in the internal tissues close to bony prominences and 

develop towards the skin surface [20, 21]. Ill-fitting sockets could also lead to development 

of additional musculoskeletal problems such as back and joint pain due to adverse gait 

compensations [9, 22], weight gain due to inactivity brought about by immobility, and 

possibly mental health issues such as depression [23, 24]. Despite great developments in 

prosthetic componentry technology, persons with lower limb amputation still too often 

experience discomfort due to the quality of the attachment of the prosthesis system, however 

advanced, to the human body. 63 – 82% of PWA experience residuum skin problems because 

of wearing a prosthesis, leading to usage limitation or device abandonment of 25 – 57% [25].   

The prosthetic socket is responsible for direct transfer of the ground reaction force (GRF) to 

the skeletal system of a PWA. The mechanical interaction and resultant contact stresses at 

the interface between the prosthetic socket and the residuum skin, plus the strain of the 

underlying soft tissues greatly determine comfort, tissue injury risk and prosthesis usage. 

Just like one would not continue to wear shoes that do not fit well, chafe and cause blisters 

every time they tried to walk in them, a person with a lower limb amputation will opt not to 

use a prosthesis that does not fit well, is uncomfortable and causes them pain. Moreover, the 

decision to remove or change shoes can be made much more lightly than removing or 

replacing a prosthetic limb.  

Standard transtibial socket designs present unmet challenges affecting wearer comfort. The 

traditional patella tendon bearing (PTB) socket [26], illustrated in Figure 1.1, generally 

offers too few specific load bearing areas and presents considerable pistoning in some 

individuals [27]. Pistoning is the longitudinal movement or slippage between the prosthetic 

socket and the residual limb while walking that causes user discomfort and skin abrasions 

over time. The total surface bearing (TSB) sockets [28–31] (see Figure 1.1) provide a more 

even distribution of interfacial pressure, less pistoning and reduced pressure peaks during 

ambulation [27, 32, 33]. However, they are reported to be sensitive to residuum changes, 

which implies multiple fitting cycles for immature residua whose volume is still greatly 

decreasing [16, 34, 35]. Additionally, the conventional functional socket is nearly rigid in 
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comparison to the residuum soft tissues, and the stiffness does not vary spatially, nor 

temporally depending on the loading. A solution to these problems may be designs that allow 

user-operated or automated socket fit adjustment for reduction of interfacial pressure 

gradients that cause discomfort, and accommodation of diurnal and long-term residuum 

changes.  

 

 
Figure 1.1. Standard transtibial prosthetic sockets. CENTRE: A PTB socket - the patella 
tendon is the primary weight-bearing area. RIGHT: A TSB socket - pressures are more 

evenly distributed throughout the entire residuum surface.  
 

There are manually adjustable commercial solutions available. Macro and micro socket size 

adjustments are made using several struts making up the socket frame and connected through 

encircling bands, a lacing system and clamps, or moveable cabled socket wall panels and 

click dials. They offer benefits of easy adjustment of fit by the prosthetic user, thus reducing 

the need for regular clinic visits for socket modification. The socket biomechanical 

functional outcomes, and the impact of adjustments on residuum tissue health are however 

unknown. Also, powered user-driven  [36], and automatically adjustable interventions based 

on optimising interfacial stresses [37, 38] or compensating for limb volume fluctuations [39], 

or both [40–42] are reported in the literature. The adjustments are made using several 

actuatable intra-socket bladders and interface pressure sensors [37–42], or movable socket 

panels and motorised cables [36]. These socket designs are passive or semi-passive, aiming 

to maintain singular pre-determined user comfort and fit levels, as opposed to adjusting 

throughout dynamic, cyclic loading. Furthermore, they do not monitor the effect of the 

resulting interface loading within the residuum soft tissues or the extent of tissue 

deformation. In desire to improve the quality of socket fit and overall stability of the 

prosthetic, these adjustable designs present a danger of users over-tightening the socket and 
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inadvertently causing large internal strains of the residuum tissues beyond safe levels, 

especially where vascular pathologies may diminish sensation. 

In light of existing challenges, this thesis attempts to fill a gap in lower limb prosthetics 

research by developing a framework for an adaptive, self-adjusting socket system to optimise 

loading effects on internal residuum tissues alongside socket fit. Specifically, it is envisioned 

that regulating the pressure at the prosthesis/limb interface within estimated safe residuum 

tissue strain levels, might aid in reducing pain and preserving residuum health. This would 

further entail integrating an actuatable residuum/socket interface, implemented using a 

suitable control strategy for active pressure regulation. Such a socket system could aid in 

improving user comfort and prosthesis usage, plus better management and dynamic control 

of socket fit, while maintaining functional requirements. Further potential impact is to 

intelligently assist with initial socket fitting and fabrication approaches, and the management 

of follow-up socket alterations thereby minimising prosthetic user dependence on 

specialised personnel.  

 

1.2 Aims of Research 

The aim of this thesis is to develop a framework for an automatically adjustable and adaptive 

socket system for transtibial prostheses, optimising the internal loading effects on the 

residual limb and enhancing socket fit management towards deep tissue injury (DTI) risk 

minimisation, maintenance of residuum tissue health, and improvement of the overall 

prosthetic rehabilitation outcome. This will be achieved by completing the following key 

objectives:  

1. Review of existing socket designs and fabrication techniques to establish the existing 

state-of-the-art and identify unmet challenges.  

2. Review of residuum/socket interface and internal soft tissue properties, mechanics, 

modelling and DTI risk principles and factors to establish metrics and goals for the 

socket system design.  

3. Identification of the global practical characteristics for the socket system concept, 

and specification and conceptual evaluation of candidate approaches for functional 

interface actuation.   
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4. Finite element (FE) analysis to investigate the relationships between interface 

pressure and the internal mechanical state of the residuum tissue at select actuation 

locations, and to provide biomechanical rationale and training data for DTI risk 

assessment for interface actuation control.  

5. Simulation of interface actuation control alongside DTI risk estimation and 

minimisation, and comparison of performance of each actuation technique for the 

selected actuation locations. 

Figure 1.2 illustrates the concept of the socket system framework incorporating residuum 

DTI risk estimation and minimisation within a control strategy to monitor and adjust 

interface loading and socket fit.  
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Figure 1.2. An illustration of the adaptive prosthetic socket system concept.  
Workflow: (A) Input gait loading signal, representative of pressure sensing at the residuum/socket interface. (B) Sagittal section of an exemplar 3D 
FEA model, illustrating loading configuration, boundary conditions, and actuator locations. (C) Estimated pressure-time injury risk thresholds. (B) 
and (C) represent the tissue injury risk evaluation protocol utilising biomechanical FEA output predictions of localised interfacial pressure-strain 
relationships to determine control targets for interface actuation. (D) A control (GPC) system applied for maintaining safe tissue strain levels by 

adaptive actuation of intra-socket components. (E) Exemplar control output at one actuation location. (P = interface pressure; t = time) 
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1.3 Contributions of this Research  

The core outcomes and contributions of this thesis have been categorised as either practical, 

methodological or theoretical (i.e. conceptual) contributions, and are as follows:  

1. A quantitative feasibility analysis and a development platform for an adaptive 

prosthetic socket system integrating dynamic monitoring and minimisation of 

sub-dermal residuum tissue injury risk with active limb-socket interface 

loading control.   

There have been recent developments of prosthetic socket systems with active 

automated or powered user-adjustable interfaces. This work comprises novel 

methodological and practical contributions addressing a gap in the literature by 

providing an approach for actively controlling such socket adjustments, based on 

tissue injury risk estimation and adaptive modulation of the pressure at the 

residuum/socket interface.  

 

2. Novel use of FEA to provide biomechanical basis for an adaptive socket control 

system for predictive DTI risk assessment based on interface pressure 

measurements.   

A FEA model of a transtibial residuum was evaluated under representative prosthetic 

loading instances to estimate the internal strain of residuum soft tissues and in situ 

socket-limb interface pressures at several key anatomical locations. This constitutes 

a practical contribution to scientific knowledge, providing quantitative data about 

predicted relationships between residuum/socket interface pressure and internal 

tissue strain of a loaded transtibial residuum at specific anatomical regions, and the 

trends throughout the gait cycle. Interface pressure is practically measurable but it 

does not directly indicate DTI risk. The novel use of FEA to interpret pressure 

measurements and generate training data and surrogate models for DTI risk 

assessment to determine control targets for localised intra-socket interface actuation, 

comprises a methodological contribution. Analysis of localised interface stiffness 

variations to assess potential actuator interaction and learn about necessary control 

model architecture is an additional conceptual contribution.  



Chapter 1 

8 

3. Demonstration of Generalised Predictive Control (GPC) as a feasible approach 

for interface pressure actuation for an adaptive prosthetic socket system with 

multiple interface actuators, by prediction of future control outputs based on 

expected targets and a cost function minimisation to reduce residuum tissue 

injury risk.  

This constitutes novel methodological, practical and conceptual contributions 

indicating that GPC can be readily deployed for the proof of concept and meet the 

constraints of operation. A cost function optimisation to minimise residuum tissue 

injury risk by adaptive interface pressure control demonstrated the influence of the 

GPC formulation on the actuation performance of different actuator types for several 

anatomical sites. Control action maintained the loading on the residuum surface 

within safe and functional limits, and minimised actuation response rates and 

amplitudes. This latter action reduced large, fast actuations that may cause additional 

discomfort to the prosthetic user, and could also potentially aid in reducing the 

overall power expenditure of the socket system. The interface pressure was also 

maintained above the nominal level predicted after socket donning alone, to ensure 

that the prosthesis would remain suspended during the swing phase of gait. 
 

1.4 Organisation of Thesis  

This thesis comprises 6 chapters including a review of the literature, three research chapters, 

and a chapter on recommended further studies and a concluding statement.  

Chapter 2 reviews the available literature on transtibial prosthetic principles with particular 

emphasis on existing socket designs, the residuum/socket interface, previous studies of 

adjustable sockets, various applicable technologies for an actuatable limb-socket interface, 

and suitable control techniques for an adaptive socket system. 

Chapter 3 presents global functional characteristics for an adaptive prosthetic socket system 

incorporating residuum tissue injury risk estimation, develops specifications for candidate 

functional interface actuation methods, and describes their theoretical models. It goes on to 

consider their limitations and presents a comparative Concept-Design Failure Mode and 

Effects Analysis (C-DFMEA) of the different actuation options.  

Chapter 4 describes the use and extension of an existing transtibial residuum FEA model to 

estimate the internal strain of residuum tissues and the limb-socket interface pressure at 
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select anatomical regions. Studies included a full factorial design of experiments study (n = 

27 simulations) evaluating the effect of varying local liner stiffness on localised internal 

compressive tissue strain and interface pressure, and between regions, and the application of 

several representative prosthetic loading instances (n = 15 simulations) to determine the 

localised interface loading vs. tissue strain relationships at actuator locations. The outcomes 

of these simulations provided biomechanical basis for the controller structure for the 

multiple interface actuators, and generated surrogate models for DTI risk assessment, 

respectively.  

Chapter 5 comprises details of the control structure employed for the adaptive prosthetic 

socket system including residuum tissue injury risk estimation and minimisation utilising the 

results discussed in Chapter 4, and interface actuation control using Generalised Predicted 

Control (GPC) to maintain the loading on the residuum surface within safe and functional 

limits. Controller simulation performance for each actuation technique is compared for the 

selected actuator sites, for prosthetic device usage in several scenarios.  

Chapter 6 covers recommendations for future studies and a concluding statement.  
 

1.5 Scope 

This research proposes an adaptive socket for primarily modulating residuum-socket 

interfacial pressure loading within estimated safe levels, as opposed to managing residuum 

volume fluctuations as majority of existing adjustable sockets are intended [36, 39–42]. In 

this research, an FEA model was used to predict relationships between the internal tissue 

strain and socket-limb interfacial pressures at specific anatomical regions of a transtibial 

residual limb. FEA was applied to interpret interface pressure measurements and provide 

estimates of the internal tissue strain arising, which is the established predictor of DTI [43, 

44], to determine control targets for socket interface actuation. Other possibly applicable 

techniques may include digital image correlation [45] or digital volume correlation [46] 

applied to artificially manufactured residua, to obtain estimates of dynamic strain maps on 

the residuum skin surface and underlying soft tissues, respectively, or measurable tissue 

viability indications of damage onset [47, 48], combined with pressure measurements at the 

residuum interface. An existing FE model was adapted for this thesis, and the study is limited 

to analyses based on this singular model, described in Chapter 4, as a proof-of-concept. 

Beyond the proof-of-concept described in this study, any practical implementation would 

follow extensive further preclinical evaluation, as discussed in Chapter 6. 
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Chapter 2 Literature Review  

This chapter discusses the tools and concepts essential for development of a self-adjusting 

transtibial prosthetic socket system that integrates tissue injury risk monitoring with interface 

actuation using feedback control.  

2.1 Lower Limb Amputation 

2.1.1 Selection of amputation level 

The main factor that influences selection of lower limb amputation level is the aetiology of 

amputation. Level selection for vascular disease can depend on a number of factors including 

anticipated viability of tissue for primary healing, indication of patency of major vessels in 

the area of interest, and post-operative patient function [9]. In the case of trauma and 

tumours, amputation level is selected based upon feasibility evaluation of possible limb 

salvage efforts, including skeletal reconstruction, against the nature of injury or size of 

tumour, and the viability of tissues [49]. The most prevalent level of major LLA is transtibial 

[7, 8] as preservation of the knee joint gives better prospects for independent post-operative 

mobility and minimises penalty to gait energy expenditure [50].  

 

2.2 Transtibial Prosthetic Sockets 

The main components of transtibial prosthetics, shown in Figure 2.1, are a socket, with a 

liner and suspension method, a pylon and a foot.  

 
Figure 2.1. The main components of transtibial prosthetics.    
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The socket is the point of contact between a PWA and their prosthesis, and hence is the first 

element of the device that informs their perception and level of comfort. Functions of the 

prosthetic socket include providing stability during ambulation, proprioceptive feedback for 

control over the prosthesis and direct transference of the ground reaction force to the skeletal 

system of the user during ambulation. The following is a review of the different designs and 

developments for transtibial prosthetic sockets and a summary of the key unmet challenges.  

 

2.2.1 Traditional socket designs  

The typical socket design for transtibial prostheses is the patella tendon bearing (PTB) 

socket [26]. As the name suggests, the patella tendon is the primary weight-bearing area of 

this socket. Figure 2.2 shows the other areas of this socket design that provide stabilising 

pressure including the medial tibial flare and shaft, lateral fibula shaft and the posterior 

compartment. The pressure relief areas are the lateral tibial flare, tibial crest, distal tibia, 

distal fibula, hamstring tendons and the fibula head the where the peroneal nerve is close to 

the skin. For proprioceptive feedback and good support of the residual limb, it is 

recommended that there is total contact at the distal end of the socket [51, 52]. Generally, 

the distal end of this socket has a soft protective pad (distal pad) to improve comfort at the 

distal part of the residuum and aid in venous and lymphatic return [53].  

 

 
Figure 2.2. Stabilising pressure and pressure relief areas for a PTB socket.  

(Adapted with permission from [51]).  

 

Although the PTB socket generally provides a good fit, weight-bearing is not spread equally 

all around the residual limb. Its major disadvantages include too much pressure on the patella 
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tendon, and residuum tissue stretching and pistoning due to inadequate weight-bearing areas 

[27]. Pistoning denotes the longitudinal movement or slippage between the prosthetic socket 

and the residual limb while walking that causes user discomfort, and skin abrasions over 

time. Variations of the PTB socket design have been developed since its inception in 1957. 

The PTB Supracondylar Suprapatellar Suspension and PTB Supracondylar Suspension 

sockets were designed as a means of providing increased stability and less pistoning of the 

residuum during ambulation [26, 51, 52].  

The total surface bearing (TSB) socket design is an alternative to the PTB socket design. It 

distributes pressures more evenly throughout the entire surface of the residual limb, 

illustrated in Figure 2.3, and by applying suction suspension with a silicone liner provides 

improved pressure seal [27–29, 35, 54]. Relief is built into the socket for the load-sensitive 

regions of the residuum by careful measurements during socket fitting and casting. A 

modification of the TSB socket emphasises weight bearing on the patella tendon area and 

popliteal fossa and may be indicated for patients with immature stumps whose volume is 

still greatly decreasing [35]. Even pressure distribution promotes healing by helping to 

maintain blood flow and reducing swelling. It is reported that the TSB socket design is 

generally more comfortable, lighter, easier to swing, and results in less pistoning compared 

to the PTB socket. However, some of its limitations include: it is not easy to don and doff, 

the silicone liner causes increased perspiration that could lead to skin breakdown, plus it is 

quite sensitive to residuum volume changes [27, 28, 35].   

 

 
Figure 2.3. Arrows indicating the main pressure-load bearing vectors for (A) PTB socket 

design, (B) TSB socket design, and (C) Hydrostatic socket design.  
(Reproduced with permission from [34]) 

 

The hydrostatic, also termed hydrocast or pressure-cast socket design is a variation in the 

TSB socket design where casting is done under compression, applying uniform pressure to 
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the residual limb to ensure even better distribution of pressures and uniform fit [32]. Pressure 

casting techniques utilise either water [31, 34, 55], air [56, 57], or sand as the pressure 

medium [58, 59]. The main fluid mechanics principle applied in the design and casting of 

the hydrostatic socket is Pascal’s law of fluids which states that a confined incompressible 

fluid transmits external pressure uniformly in all directions and that the resultant forces will 

act perpendicular to the container’s surface, illustrated in Figure 2.3. When loaded, the 

residual limb is assumed to behave as a hydrostatic system [31, 55]. The hydrostatic theory 

for load transfer also includes the law of transmissibility of pressure in fluids, by which 

externally applied pressure is distributed uniformly in the fluid. This is suitable for socket 

fitting since these pressures are distributed uniformly over the entire residuum-socket 

interface as opposed to specific weight-bearing regions.  

The hydrocast socket design is reported to be superior to the TSB and PTB specific weight-

bearing interface designs as regards comfort level, range of motion and production of 

pressure peaks during ambulation [30, 33, 55]. However, like the TSB socket design, this 

design is quite sensitive to residuum volume fluctuations. Both TSB and pressure-cast socket 

designs are usually indicated for mature residual limbs where the likelihood of large volume 

fluctuations is minimal [27, 34].   

 

Summary 

Standard transtibial socket designs present unmet challenges affecting comfort and level of 

prosthetic usage amongst PWA. The PTB socket design generally offers too few load 

bearing areas, applying too much pressure on the patella tendon whilst also presenting 

considerable amount of pistoning in some individuals, which is harmful to residuum tissue 

health [27]. On the other hand, the TSB and hydrostatic socket designs, though providing a 

more comfortable fit and less pistoning, are reported to be sensitive to residuum volume and 

shape changes, which implies more prosthesis fitting cycles for post-operative residua [16, 

[34, 35].  

A solution to these problems may be adjustable socket designs that allow user-operated or 

automated socket fit modification for reduction of interfacial pressure gradients that cause 

discomfort, and accommodation of diurnal and long-term residuum volume and shape 

changes. Another solution might be adaptive socket-limb interface systems that actively 

optimise the management and control of socket fit, to eliminate dependence on users’ 

perceptions with high variability and recognised low reliability as regards determination of 
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safe tissue loading limits [60, 61]. This solution would entail taking into account both the 

internal and external loading effects on the residuum tissue, and maintaining the structural 

and biomechanical requirements of a prosthetic socket. The latter approach is the basis of 

this thesis. Potential benefits and impact of such an adaptive socket system design could 

include:  

1. To aid in simplifying the dynamic fitting of the prosthetic for ambulation by enabling 

active adjustment.  

2. To ultimately increase user comfort and prosthesis usage by allowing for better 

socket fit, and reduction of pain and occurrence of residuum tissue injuries.  

3. To allow prosthesis users to independently adjust their sockets to accommodate 

residual limb volume changes.  

4. To enable a longer lasting socket fit and minimise need for costly, repeated, in-clinic 

socket modifications by specialised personnel, thereby perhaps broadening access to 

prosthetics to more PWA worldwide.   

Some existing manual, powered user-driven, and automatically adjustable interventions in 

the literature based on optimising interfacial stresses or compensating for limb volume 

fluctuations, or both, are discussed below.  

 

2.2.2 Existing socket designs with adjustable interface 

A hydraulic circuit (smart variable geometry socket, SVGS) technology, shown in Figure 

2.4, was proposed by Greenwald et al. that passively drew water into intra-socket bladders 

during the swing phase of gait up to a pre-set comfortable pressure level for stance and 

desired dynamic socket fit [42]. A mechanical control circuit regulated check valves (for 

controlling flow direction), stance pressure regulators, ischemic pressure regulators (for 

reducing bladder pressure to below the tissue ischemic limit during continuous static 

loading) and flow resistor valves (for bleeding excess fluid from the bladders into the 

reservoir). Manually operated valves allowed for donning and doffing the socket. Measured 

peak interface pressures during a single stride were approximately 60 kPa, 70 kPa and 90 

kPa at the medial distal, posterior distal and anterior distal locations of transtibial residua. 

The theoretical maximum bladder volume change and pistoning calculated were 1% and 

1.3mm, respectively, indicating that the socket would remain tight and suspended during 

swing [62, 63]. For this socket design, ischemia-related tissue damage was considered by 

implementation of pressure regulation to maintain pressures at least 8kPa below the user 
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defined level during sustained static loading. However, maximum pressure threshold levels 

or safety margins for avoiding DTI onset were not defined.  

    

 

 
Figure 2.4. LEFT: A rendering of the smart variable geometry socket (SVGS) with 

integrated fluid bladders by Greenwald et al. RIGHT: The control system schematic.  
CV, check valve; F, particle filter; NV, night valve; PRI, ischemic pressure regulator; PRS, 
stance pressure regulator; R, flow resistor; RES, reservoir; FP, fluid fill port; B, bladder. 

(Reproduced with permission from [42])  

 

Ogawa et al. described an adjustable socket system that used magneto-rheological (MR) 

fluid socket inserts connected by tubes to an external cylinder to compensate for residuum 

volume and shape fluctuations and to relieve interfacial pressure and pain [40]. The 

prototype and design concept are shown in Figure 2.5. A mechanical control circuit was used 

to manipulate the magnetic field of magnets placed on the external socket wall to change the 

viscosity of the MR fluid when socket shape changes were desired. The volume and rigidity 

of the inserts, and hence their displacement under load and the applied pressure on the 

residuum were also controlled by regulating fluid injection from the cylinder. It is reported 

that the interface pressure at the patella tendon area reduced from 170 kPa with a TSB socket 

to 70 kPa with the MR socket during walking. The pressure at the tibial crest was nearly 

equal with both sockets, while that at the popliteal fossa was greater with the MR socket. 

However, the equipment and setup for this MR socket design were complex, bulky, and 

unlikely to meet practicality and robustness measures required for clinical use.  
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Figure 2.5. The prototype (A and B) and the design concept (C) of the variable-stiffness 

socket system based on a magneto-rheological fluid proposed by Ogawa et al.  
(Reproduced with permission from [40])   

 

Figure 2.6 shows a volume management and suspension socket system, proposed by Pirouzi 

et al., comprising an all-covering air cuff at the residuum/socket interface, connected to a 

microcontroller circuit board, semiconductor pressure sensors, an air pump, and pressure-

regulating valves [38]. The control system was designed to maintain a constant comfortable 

pressure pre-set by the user. The authors reported lower average peak interface pressures of 

56 kPa at the antero-medial region for this socket system compared to a different study, 63 

– 87 kPa, with a TSB socket and Dermo and Seal-In X5 liners [64]. However, they do not 

provide any quantitative measures regarding suspension or the volume management 

capability of the air-cuff system, especially considering reported compressibility and leakage 

issues with air bladders  [65, 66].  
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Figure 2.6. The pneumatic socket suspension system by Pirouzi et al.  

(a) bladder; (b) control circuit board (including a pressure sensor and microcontroller); (c) 
pump; (d) Valve; (e) Battery; (f) assembled operation system; (g) assembled  transtibial 

prosthesis prototype; (h) system schematic. (Reproduced with permission from [38]) 
 

Carrigan et al. described a system similar to Pirouzi et al., based on a pneumatic actuatable 

array of socket inserts, a sensorised liner and pressure regulators and valves, connected to a 

microcontroller unit and graphical user interface (GUI) [37]. The system, shown in Figure 

2.7, is capable of mapping the interface pressure and the internal pressures of the individual 

cells of the bladder array, while maintaining positive displacement under compressive load.  

The authors demonstrated a positive correlation between the measured actuator pressures 

and the interface pressures. They extended this concept for automatic pressure modulation, 

redistribution, and offloading in an air-cell array seat cushion [67]. The control objective 

was to maintain the internal pressure of the air cells/inserts to within a pre-specified range. 

This system is capable of identification of load concentration areas and redistribution and 
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offloading of pressures allows for the management of the effects of external loading. The 

volume management proficiency of the system is not addressed.   

 

 
Figure 2.7. The socket system with intra-socket arrays of pneumatic inserts and a 

sensorised liner by Carrigan et al.  
(a) Demonstration of a fabricated socket with recessed pockets at load tolerant areas; (b) 

Example actuator inserts in different shapes; (c) Close-up view of actuator patches 
embedded in the recessed pockets before actuation; (d) Fabricated stump with sensorised 

liner; (e) Modified socket with embedded actuator inserts and connected pneumatic tubing. 
(Reproduced with permission from [67])  

 

Further, a system that allowed powered adjustment of radial socket size was proposed by 

Sanders et al. and is shown in Figure 2.8 [36]. It comprised a motor, regulated by 

proportional–integral–derivative (PID) feedback control of the applied voltage that adjusted 

the radial position of several socket panels around the residuum via cables running through 

them. This allowed the user to adjust the quality of their socket fit and manage limb volume 

fluctuations, in discrete time, using a Bluetooth Low Energy (BLE) mobile phone interface, 

and implemented using a microcontroller unit. The socket panel dimensions were specified 

by a prosthetist. One step adjustment of the cable took 8.5 seconds, and corresponded to 

4.75mm cable length (0.45mm, i.e. 1ply cotton sock thickness or ≈ 2 sheath counts radial 

change, and ≈ 2% socket volume change [68]). The system consumed 1.03 W and 1.35 W 

of power during steady state and when adjusting cable length, respectively. Serial peripheral 
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interface (SPI), non-volatile, magneto-resistive system memory was used to retain panel 

positions during power-down.  

 

 
Figure 2.8. The motor-driven adjustable prosthetic socket by Sanders et al.  

(A) Schematic of the cable take-up spool and motor system components (B) Assembled 
system for adjusting radial socket size while bolted below the prosthetic socket. (C) 

Participant using the motorised adjustable socket in laboratory testing wearing a harness 
for safety. (Reproduced with permission from [36]) 

 

The Infinite Socket™ design, shown in Figure 2.9, developed by LIM Innovations Company 

in San Fransisco, CA USA in 2014, is a manual-adjustment, custom-moulded socket design. 

It has a dynamic frame made up of four modular thermoplastic carbon-fibre adjustable struts 

connected to an adjustable pivoting and sliding base plate. The struts are connected and 

adjusted through encircling bands, a lacing system and clamps. They are reported to provide 

stability, dynamic flexibility and control, shock absorption and energy return [69]. An air 

bladder system is incorporated on the inside of the frame to provide even pressure 

distribution with residuum volume fluctuation and protection of sensitive areas. The frame 

has an abrasion-resistant and low-friction textile brim and interface that is removable, 

replaceable, and washable. The struts are remouldable for further fit adjustment. It is also 

available for transfemoral prostheses.  
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Figure 2.9. An illustration of the adjustable transtibial infinite socket™.  

(photo credit: George Burnard/LIM Innovations, www.liminnovations.com) 
 

In 2014, Click Medical Company in Steamboat Springs, CO USA also created a manually 

adjustable transtibial socket design, RevoFit™ that has several moveable panels of the socket 

wall that are connected through a lacing system and adjusted using BoaTM click dials. Each 

click of the dial corresponds to 1mm of movement. This socket design is shown in Figure 

2.10 below. The motor-driven adjustable prosthetic socket design by Sanders et al. [36] 

discussed above is a mobile phone app, user-controlled version of this socket.  

 

 
Figure 2.10. The RevoFit™ socket with moveable panels and a lacing system adjusted 

using BoaTM click dials.  
(photo credit: Jen Howland/clickmedical.co, www.clickmedical.co)  

 

The Socket-less Socket™ design, shown in Figure 2.11, was developed, by MartinBionics 

Company in Oklahoma City, OK USA in 2015, for transfemoral prostheses. It differs from 

the conventional rigid transfemoral sockets with a hard ischial seat by having opposing 

http://www.liminnovations.com/
http://www.clickmedical.co/
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anchored struts for stability, a floating femoral lock pad for dynamic limb control, a lower 

trim profile, a conforming hammock brim and is 40% lighter [70]. It is reportedly easy to fit 

and macro and micro-adjustable, manually by the user, to accommodate daily residuum 

volume fluctuations. The struts are connected and adjusted through encircling bands and 

clamps. This socket design can be configured to any of the other transfemoral socket designs 

using the conventional thermoplastic inner socket and the commonly used suspension 

methods. It is also available for transtibial, transhumeral and transradial prostheses.  

 
Figure 2.11. An illustration of the macro and micro-adjustable transfemoral socket-less 

socketTM.  
(photo credit: Jay Martin/Martin Bionics, www.martinbionics.com) 

 

Summary 

All of the above interventions and solutions for transtibial prosthetic sockets are aimed at 

improving user comfort and the quality of the socket fit. However they do not monitor the 

impact of the resulting interface loading within the residuum soft tissues, the extent of tissue 

deformation or the internal stress distribution. Additionally, the automated (self-adjusting) 

socket system designs with closed-loop control [36–42] aim to modulate the residuum-

socket interface pressure to maintain singular pre-determined user comfort and fit levels,  as 

opposed to dynamically adjusting the interface loading throughout the usage period.  

Further, the manually adjustable commercial solutions (Infinite SocketTM, Socket-less 

SocketTM, RevoFitTM) offer benefits of easy modification of fit for accommodation of 

residuum volume and shape changes by individual users. This reduces the need for repeated 

clinic visits for within-day socket fit adjustments. They are also designed to be lighter than 

conventional sockets. However, the initial fitting components for these designs are not 

readily available due to high cost and complexity of skill required for fabrication. In addition, 

http://www.martinbionics.com/
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the socket functional outcomes related to loading and biomechanics, and residuum tissue 

health management are unknown.  

These socket systems with adjustable socket-limb interfaces present a danger of users over-

tightening the socket, and unknowingly detrimentally overloading and causing large internal 

strains of the residuum tissues beyond safe levels, in desire to improve the quality of the fit 

of their socket and overall stability of the prosthetic. Solutions aimed at providing a 

systematic framework and quantitative data for socket design integrating dynamic 

monitoring of the injury risk of residual limb tissues alongside active control of interfacial 

pressure loading and/or limb volume compensation are still needed and could be a useful 

extension to existing technologies. This is the focus of this thesis.  
 

2.2.3 Socket fabrication techniques 

Globally, prosthetic sockets are bespokely made to match the unique and complex shapes of 

the residual limbs of PWA and are highly dependent on the skill of the prosthetists who do 

the fitting. Furthermore, typical sockets require regular in-clinic modification to 

accommodate changes in residual limb volume and shape, and maintain a functional level of 

comfort [71]. 

Preparation for typical hand-casting methods involves identification of key anatomical 

landmarks, scarring, and the sensitive and load-bearing areas of the residuum. The residuum 

is then evenly wrapped with wet Plaster of Paris to create a negative (female) cast, and the 

anatomical markings of the load bearing and load sensitive areas transferred onto the plaster. 

A positive (male) cast is obtained by filling the negative cast with Plaster of Paris. To further 

shape this positive cast, rectification by plaster volume reduction for load bearing areas and 

addition to load sensitive regions to provide relief is done. A hard socket is created from 

flexible thermoplastic material over the positive cast. The rectification process is repeated 

based on individual user feedback by application of heat over the socket wall [72, 73]. This 

standard hand-casting procedure using Plaster of Paris is a tiresome, messy, labour-intensive 

and iterative process done by specialised clinicians, and can take from a few days to a few 

months [72–74]. It is a completely analogue and non-repeatable art, and exclusively based 

on the experience and judgment of the prosthetists [32, 53].  

The ICEX® and Icecast® (Össur, Iceland) systems are examples of commercially available 

pressure casting systems that use air in place of a liquid pressure medium. These systems 

generally include a silicone suction suspension sleeve, silicone pads and a pressure chamber. 
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The silicone pads are used over bony prominences and graphite infused with polyurethane 

resin is rolled on the residuum. For a transtibial residuum, the silicone sleeve is donned over 

the knee unit to form a proximal seal. The pressure chamber is then applied to exert even 

pressure to the entire setup of the residuum. The resin sets in approximately ten minutes after 

which the moulded socket can be removed for trimming, assembly and alignment [30, 32, 

57, 75]. To promote residuum tissue elongation and firmer consistency, plus increase in the 

distal end padding, a pin-lock liner mechanism is applied in the fitting process [32].  

The pressure casting (‘hands-off’) socket fabrication  processes are advocated to be faster 

and easier than the traditional ‘hands-on’ socket casting technique with Plaster of Paris [57, 

75]. They are also reported to result in better shape consistency during socket fitting, reduce 

dependence on a prosthetists’ skill, and require fewer clinical visits for fitting compared to 

hand-cast manufacturing. For these reasons, pressure casting techniques have been identified 

as having potential for success in under-resourced environments [30–33, 55, 76]. However, 

some researchers have reported studies that user functional capacity, mobility, spatial-

temporal gait parameters, comfort, and satisfaction outcomes were found to be similar 

between the hydrocast socket and the traditional skill-reliant PTB socket in these 

environments [77].  

Moreover, in general, standard socket manufacture does not take advantage of existing 

digital technology that could facilitate faster and possibly cheaper production. Also, sockets 

are typically fabricated from hard carbon fibre composites and hard thermoformed plastic 

(e.g. High-Density Polyethylene, HDPE) [78, 79]. The sockets are rigid and their stiffness 

constant all around the residual limb. This difference in stiffness between the socket material 

and the residuum tissues contributes to numerous recurring skin and tissue damage issues 

during load-bearing, and limited tolerable prosthesis usage [17, 80, 81]. Some researchers 

have explored CAD/CAM socket manufacture, i.e. 3D printing, mainly to leverage the time 

saved in directly producing sockets from topographical scans of the residuum and 3D CAD 

models [18, 82]. Additionally, passively variable stiffness sockets can be achieved by 

selectively printing several materials in one prototype [80]. However, 3D printed sockets 

generally pose the disadvantage of not being as structurally sound, strong or as durable as 

their carbon fibre counterparts [83]. 3D printed sockets are reported to be fragile and fail 

along cracks developed during the rapid prototyping process for several possible reasons 

including the layer-based forming process, and the anisotropicity and low strength-to-weight 

ratio of the plastic printing material [84].  Also, due to high capital and operating costs 
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associated with CAD/CAM socket manufacture, it is not currently considered a practicable 

method for fabrication, especially in low-resource environments [78].  

Standard prosthetic socket designs and the general approaches for socket fabrication, do take 

into account sockets’ functional requirements of ground force transfer and load-bearing, and 

to some extent consider maintenance of residuum tissue health, by providing relief areas and 

in-socket padding. However, PWA continue to suffer problems of residuum pain and 

discomfort resulting in decreased activity levels with their prosthesis. Also, not all PWA 

have access to skilled prosthetics services for regular, customised replacement of their 

sockets. In view of the challenges outlined above, there is need to explore new socket designs 

with an adjustable residuum/socket interface for manual or automated volume compensation 

and/or pressure modulation, and that still provide the functional requirements of a socket, 

plus suitable approaches for manufacturing them.  

 

2.3 Biomechanical Principles and Gait Parameters  

To realise good function for users, prosthetic components transmit forces and moments to 

the various body segments in order to produce, limit, control or prevent movement. Relevant 

biomechanical principles here include an understanding of the how loads are transmitted 

between the components and the user’s anatomy, and the biomechanical behaviour of the 

prosthesis/user interface during ambulation and other functional activities. The transfer of 

prosthesis weight and ground reaction forces to the musculoskeletal system occurs via the 

coupling between the residual limb and the prosthetic socket through the residuum soft 

tissues, muscle and bone.  
 

2.3.1 Biomechanics of the residuum/socket interface 

The mechanical stresses experienced at the residuum/socket interface pose a high risk of 

residuum skin and subcutaneous tissue damage for several reasons: the residual limb tissues, 

severed muscles and bones are not adapted to direct weight bearing; residuum geometries 

often comprise bony prominences; and the load transfer surface is restricted by the limited 

residuum/socket contact area [85–87]. Residual limb geometry [88], prosthetic socket shape 

and fit, prosthesis alignment [89–91], gait training [92, 93], residuum volume fluctuation 

[11, 71], residuum tissue properties [94, 95], muscle activity [96], prosthesis component 

materials [97, 98], plus of course overall activity type and level [98, 99], and bodyweight are 
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several key factors that affect load transfer and the resultant magnitude of mechanical 

stresses at the residuum/socket interface. Figure 2.12 illustrates the tissue deformation and 

the accompanying stress distribution in the vicinity of a bony prominence of the residuum. 

Moreover, it is reported that the residuum may sustain up to 250% of the body weight during 

certain functional activities, and that 60% of the weight-bearing at the residuum/socket 

interface is sustained through shear stress [85, 100].  

 

 
Figure 2.12. A sketch illustrating tissue deformation and the accompanying internal stress 

distribution near a bony prominence, within the soft tissue bulk, and at the residuum/socket 
interface due to prosthetic loading.  

Red arrows indicate shear stress. Black arrows indicate tension/compression.  
(Adapted with permission from [101]) 

 

2.3.2 Gait characteristics of non-amputee persons vs. transtibial prostheses users 

Normal gait characteristics 

Human ambulation is a cyclic process of repetitive, sequential, controlled and coordinated 

events and movements of the musculoskeletal system. The basic unit representing this 

repetitive pattern of events is called the gait cycle (GC). Locomotion is a complex process 

in that six paths of motion influence the movement of the lower limbs musculoskeletal 

system, namely: knee-ankle interaction, knee flexion, hip flexion, pelvic rotation about a 

vertical axis, lateral tilting of the pelvis, and lateral displacement of the pelvis [102]. Gait 

analysis mainly investigates the spatial and temporal differences in kinematic (displacement, 

velocity, acceleration) and kinetic (forces, moments, power) parameters. Spatio-temporal 

gait metrics include cadence, step length and step time [96, 103].  
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The gait cycle per foot, from initial contact with the ground to the next time it strikes the 

ground, is divided into two main phases. By convention, the stance phase of the GC is 

defined as the period of time when a foot is in contact with the ground, while the swing phase 

of the GC is the period when the foot is off the ground and the limb is moving forward. For 

non-amputee persons walking at self-selected speed, the stance phase covers about 60% of 

the GC and the remaining 40% is the swing phase [93, 104–106]. In addition, the various 

events, phases and sub-phases of a normal GC, shown in Figure 2.13, typically happen at 

predictable times, which are usually defined as a percentage of the entire GC.  

The stance phase starts upon weight acceptance and shock absorption when one foot makes 

initial contact with the ground. This GC event is termed heel strike. The foot-flat event marks 

the beginning the mid-stance sub-phase that provides stability and the contralateral limb 

begins to lift from the ground. The terminal stance sub-phase begins with the heel-off event 

when the heel of the support limb is no longer in contact with the ground. The toe-off event 

marks the end of the stance phase and initiates the swing phase, tending to propel the body 

forward. The swing phase progresses with maximum knee flexion during the early swing 

sub-phase and terminates with the foot making contact with the ground again.  

 

 
Figure 2.13. Phases and stages of a normal gait cycle (right limb).  

(Adapted with permission from [104]) 
 

From gait biomechanics research, the characteristic curve for the vertical ground reaction 

force (GRF), illustrated by Figure 2.14, typically exhibits two peaks during the gait cycle, 

for a sound limb with normal gait. These represent the two periods of double limb support, 
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i.e. when both feet are on the ground at the same time, and occur at the beginning and end 

of the stance phase (after heel-strike and during toe-off) for about 10 – 12% of the GC [92, 

93]. The GRF is made up of the gravitational force due to body weight and the inertia force 

produced as a result of the motion of the body’s centre of mass (COM) under acceleration 

and deceleration. Slow walking speeds increase time spent in double-support. The reduced 

accelerations and decelerations of the COM tend to diminish the GRF magnitude and the 

two peaks in the curve may merge [93]. Conversely, running or fast walking shorten the 

periods of double-support, resulting in amplification of the GRF and emphasis of only one 

peak [107]. For running, the peak represents the end of COM deceleration for the stance 

phase [22].  

The anterior-posterior force is essentially a shear force acting forwards and backwards 

between the ground and the foot and is usually about 20% of body weight (BW). As 

illustrated by Figure 2.14, it is negative before mid-stance and gets positive during push-off 

before rapidly reducing to zero towards toe-off. In the negative, it acts backwards as a 

friction or braking force to prevent sliding of the foot after heel-contact and to decelerate the 

COM as single-support stance is approached. Around mid-stance, it acts forwards to propel 

the COM as the foot pushes back against the ground. For normal gait patterns, the braking 

and propulsion impulses are nearly equal [92, 93].  

 

Gait characteristics of transtibial prosthesis users 

As shown in Figure 2.15, there are considerable differences in the timing symmetry of the 

GC between the amputated and intact limbs for people with unilateral transtibial amputation. 

Residuum pain, an ill-fitting socket, inadequate proprioception and a misaligned prosthesis 

are the main causes of gait deviations and asymmetry for PWA. Unilateral prosthesis users 

generally tend to favour the amputated limb and spend less time on it, thereby walking slower 

and having shorter stride length [108–113]. Moreover, due to the poor energy efficiency of 

prosthetic limbs, there is limited energy return in the terminal stance phase of the GC to 

provide acceleration, therefore unilateral transtibial prosthesis users need up to 135% more 

energy for locomotion [110, 112, 114]. In addition, these prosthesis users typically display 

less vertical GRF magnitudes and greater first peak values on the amputated limb compared 

to the intact contralateral one, as shown in Figure 2.16. This latter effect is reported to be 

possibly due to increased ankle dorsiflexion (rocker mechanism) with some prosthetic feet, 

and reduced or restrained knee flexion when wearing a prosthesis [115–117].  
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Figure 2.14. TOP: Vertical GRF, and BOTTOM: Anterior-posterior (friction) force exerted 
by the right and left (dotted line) feet for normal gait walking at normal self-selected speed.  

(Adapted with permission from [93]) 
 

 
Figure 2.15. Gait cycle foot timings for people with unilateral transtibial amputation.  

AMP = Amputated limb. NORM = Normal (intact) limb.  
(Adapted with permission from [113]) 
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Figure 2.16. A comparison of the vertical GRF of the amputated limb vs. the intact limb of 

unilateral transtibial amputees, for various prosthetic feet designs.  
(Adapted with permission from [117]) 

 

Depending on the GC phase, kinetics of amputee gait affect the distribution and magnitude 

of interface stresses, particularly the peak values, at different regions of the residuum. For a 

PTB prosthesis, high pressures are anticipated at the patella tendon area throughout 

ambulation as it is the main load-bearing region for this prosthesis design. During heel-strike 

the GRFV acts posterior to the knee joint centre thereby exerting pressure mainly on the 

anterior-proximal and posterior-distal areas of the residuum, as shown in Figure 2.17. 

Throughout both mid-stance and toe-off, the GRFV typically acts anterior to the knee joint 

centre resulting in concentrated pressure at the anterior-distal tibial area and the popliteal 

fossa [102]. Additionally, for transtibial amputees, limited capabilities and motion of the 

artificial ankle may result in a shortened mid-stance phase and early toe-off. This could cause 

reduced shock absorption and high limb acceleration, and further amplify the antero-distal 

and postero-proximal pressures during the early swing phase [113].  

Moreover, the medial-proximal and lateral-distal stresses on the residuum are affected by 

the inset or outset of the prosthetic foot, as illustrated by Figure 2.18. Alignment and socket 

fit resulting in too much outset of the foot causes increases lateral pressure on the fibula head 

and elimination of lateral-distal stabilising pressure. This in-turn causes abnormal and 

undesirable wide-based gait [118]. It is recommended that such prosthesis alignment be 

reserved for very short transtibial residua, less than 4 inches in length, and without a definite 

need for the lateral-distal stabilising force [102]. Furthermore, studies show that for PTB 

prostheses, the overall stress profiles at different sites of the residuum display the same 

double-peak characteristic of the GRF, as shown in Figure 2.19 [119].  
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Figure 2.17. An illustration in the anterior-posterior (sagittal) plane view of the forces 

acting during ambulation on a transtibial residuum with a PTB prosthesis.  
P = pressure, S = shear, R = GRF, W = weight. (Adapted with permission from [102])  

 

 

 
Figure 2.18. An illustration in the medial-lateral (coronal) plane of forces on a transtibial 
residuum with a PTB prosthesis. The effect of inset and outset of the prosthetic foot from 

optimum alignment position.  
P = pressure, S = shear, R = GRF, W = weight, I = Inertia.  

(Adapted with permission from [102])  
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Figure 2.19. (A) A representative interface stress waveform at a site of a transtibial 

residuum during ambulation for the stance phase of the gait cycle, highlighting several gait 
stages. (B) Normal interface stresses for the stance phase for two consecutive steps for a 

participant with a PTB prosthesis.  
PP = posterior-proximal, AMP = anterior-medial proximal, ALP = anterior-lateral 
proximal, ALD = anterior-lateral distal. (Reproduced with permission from [119]) 
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2.4 The Residuum/Socket Interface  

The mechanical interaction and the resultant contact stresses at the interface between the 

prosthetic socket and the residuum greatly determine comfort and prosthesis usage. This is 

a critical clinical consideration in socket design and fitting due to the possible residuum skin 

and tissue damage by the socket during loading [87]. Despite major technological advances 

in prosthetics over the years, almost all prosthesis users experience some pain, discomfort 

and complications due to residuum tissue injuries such as degenerative stump ulcers, blisters, 

cysts, oedema, skin irritation and dermatitis, shown in Figure 2.20 [17, 120].  

 
Figure 2.20. Common residuum skin and tissue injuries experienced by lower limb 

prosthesis users due to interfacial loading. Clockwise from top-left: (a) Epidermoid cyst (b) 
Erythema (c) Blister (d) Verrucous hyperplasia (e) Ulcer.  

{a reproduced with permission from [120], and b reproduced with permission from [121], c 
[http://amputeebiker.blogspot.co.uk/2010/04/new-prosthetist.html], d reproduced with 
permission from [122], e [photo credit: Brad Tucker (https://www.pennmedicine.org)]}  

 

2.4.1 Review of key residuum/socket interface load parameters  

Research efforts have been made to investigate and quantify the pressure and shear stresses 

and the biomechanical interaction at this critical interface. These studies aim to mainly assist 

in providing better overall understanding of the residuum/socket interface and towards 

improvements in socket design, manufacture and fitting. Interface shear stress is distinct 

from internal shear within the soft tissues, which arises from surface stress gradients and 

varying stiffness internal structures. The studies have involved direct clinical measurements 

of pressure and/or shear at the interface [30, 64, 87, 91, 99, 119, 123–134] (Table 2.1), as 

well as estimates using FEA for prediction [79, 95, 126, 135–144] (Table 2.2).   

http://amputeebiker.blogspot.co.uk/2010/04/new-prosthetist.html
https://www.pennmedicine.org)/
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Table 2.1. Pressure and shear stress direct measurement data in the literature. 

Study Socket 
type(s) Sensor type used Sensor mounting 

technique Results Notes 

Eshraghi 2015 
[99] 

TSB Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
residuum and 
liner 

Average peak pressure: 38.91kPa (medial-distal) – 
82.14kPa (posterior proximal) 

n = 12; dynamic; comparison of effects of 
suspension systems; walking on non-level 
surfaces 

Eshraghi 2013 
[132] 

TSB Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
residuum and 
liner 

Average peak pressure: 26.01kPa (posterior) – 
119.43kPa (anterior)  
Max. pressure: 220kPa (anterior , load acceptance) 

n = 12; dynamic; comparison of effects of 
suspension systems; level walking; self-
selected speed 

Yeung 2013 
[133] 

PTB Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
residuum and 
liner 

Average peak pressure (baseline): 166kPa (patella 
tendon, push-off); Average peak pressure (after 
30mins walk): 148kPa (patella tendon, push-off); 
Average peak pressure (after 1hr walk): 129kPa 
(popliteal depression, load acceptance) 

n = 5; dynamic; influence of long-distance 
level walking; self-selected speed 

Ali 2013 [134] TSB Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
residuum and 
liner 

Average peak pressure: 43.03kPa (medial-distal) – 
82.14kPa (posterior proximal) 

n = 10; dynamic; comparison of effects of 
suspension systems; walking on non-level 
surfaces 

Ali 2012 [64] TSB Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
residuum and 
liner 

Average peak pressure: 50kPa (lateral) – 84.9kPa 
(anterior) 
Max. pressure: 87kPa (anterior mid-limb) 

n = 9; dynamic; comparison of effects of 
suspension systems; level walking; self-
selected speed 

Boutwell 2012 
[97] 

TSB Capacitive - Novel 
PlianceTM;  
CA 

Inserted between 
residuum and 
liner 

Max. average peak pressure: 3mm liner: 352 ± 
180kPa (fibula head) 
9mm liner: 254 ± 155kPa (fibula head) 

n = 11; dynamic; effects of liner thickness; 
self-selected walking speed 

Dumbleton 
2009 [30] 

PTB, 
PCAST 

Piezoresistive 
(FSR) - TekscanTM; 
CA 

Inserted between 
liner and socket 

Max. average peak pressure: PTB: 88.17 ± 22.44kPa 
(posterior distal) 
PCAST: 78.83 ± 53.07kPa (posterior distal) 

n = 48; dynamic; comparison between PTB 
and PCAST sockets; highest pressures 
during push-off/late stance 
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Study Socket 
type(s) Sensor type used Sensor mounting 

technique Results Notes 

Sanders 2006 
[123] 

TSB Strain gauge-based;  
ILRT 

On and through 
the socket wall 

Average peak pressure: 238kPa 
Average peak shear: 53kPa  

n = 2; dynamic; influence of volumetric 
changes of fluid inserts; self-selected 
walking speed 

Zhang 2000 
[126] 

PTB Magnetoresistive; 
ILRT 

On and through 
the socket wall 

Average peak pressure: Meas. = 215kPa vs. FEA = 
226kPa (patella tendon)  
Average peak shear: Meas. = 44kPa vs. FEA = 50kPa 
(lateral tibia) 

n = 3; comparison between dynamic 
measured values and static FE analysis 
estimates; self-selected walking speed 

Sanders 2000 
[98] 

PTB Strain gauge-based;  
ILRT 

On and through 
the socket wall 

Max. peak pressure: 160kPa (popliteal fossa) 
Max. peak shear: 28kPa (anterior medial mid-limb) 

n = 3; dynamic; effects of changes in 
cadence, prosthetic componentry and time 

Sanders 1999 
[127] 

PTB Strain gauge-based;  
ILRT 

On and through 
the socket wall 

Max. peak pressure: 185.9kPa (lateral, -5° 
plantarflexion) 
Max. peak shear: 47.3kPa (anterior medial distal, -5° 
plantarflexion) 

n = 3; dynamic; effects of angular alignment 
changes; cadence between 94 and 
99steps/min (approx. 1.3 m/s) 

Zhang 1998-a 
[87] 

4 PTB, 
1 TSB 

Magnetoresistive; 
ILRT 

On and through 
the socket wall 

Average peak pressure: 25 – 320kPa (popliteal fossa) 
Average peak shear: 1.9 – 61kPa (anterior medial 
mid-limb) 

n = 5; dynamic; magneto-resistive sensor 
validation; self-selected walking speed 

Sanders 1993-b 
[119] 

PTB Strain gauge-based;  
ILRT 

On and through 
the socket wall 

Max. peak pressure: 185kPa (anterior lateral mid-
limb) 
Max. peak shear: 45kPa (anterior lateral mid-limb) 

n = 3; dynamic; general waveform 
characteristics for stresses; cadence between 
94 and 99steps/min (approx. 1.3 m/s) 

Sanders 1992 
[129] 

PTB Strain gauge-based;  
ILRT 

On and through 
the socket wall 

Max. peak pressure: 205kPa; Max. peak shear: 54kPa 
Average peak shear: 5.6kPa – 39kPa (tibial flares);  
5kPa – 40.7kPa (posterior surface) 

n = 3; dynamic; investigating shear stresses; 
cadence between 94 and 99steps/min 
(approx. 1.3 m/s) 

Abbreviations: CA = commercially available; ILRT = in-lab research tool 
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Table 2.2. FEA interface pressure and shear stress estimates in the literature. 

Study Socket 
type(s) Results Notes 

Portnoy 2008 [95] Plaster 
cast 

Max. pressure: 65kPa (fibula head, tibial crest) 
Max. shear: 51.9kPa (distal tibia)  

Bone displacement loading to predict stresses and 
strains 

Lee 2007 [138] PTB Pressure: 230kPa (patella tendon), 200kPa (anterior medial tibia), 160kPa 
(anterior lateral tibia), 260kPa (popliteal depression) 

Socket design based on pressure pain thresholds 

Faustini 2006 
[139] 

PTB Pressure: 250kPa (patella tendon), 205kPa (anterior medial tibia), 109kPa 
(popliteal depression) 

Investigating the influence of different socket 
compliances 

Jia 2004 [140] PTB Pressure: 292kPa (patella tendon), 206kPa (anterior lateral tibia), 267kPa 
(popliteal depression) 

Comparison of static vs. quasi-dynamic analysis at load 
acceptance 

Lee 2004 [79] PTB Pressure: 185kPa (patella tendon), 142kPa (anterior lateral tibia), 153kPa 
(popliteal depression) 
Shear: 67kPa (patella tendon), 54kPa (anterior lateral tibia), 29kPa 
(popliteal depression) 

Modelling of the contact interface 

Lin 2004 [141] KBM Pressure: 660kPa (anterior), 783kPa (posterior), 88kPa (medial), 397kPa 
(lateral); Shear: 314kPa (anterior) 

Influence of liner stiffness; increased liner stiffness 
generally reduced interface pressure 

Wu 2003 [142] TSB, 
KBM 

Max. pressure: TSB: 240kPa (residuum tip) KBM: 250kPa (lateral) 
Max. shear: TSB: 60kPa (residuum tip) KBM: 130kPa (lateral) 

Comparison of TSB vs. KBM socket 
designs 

Zhang 2000 [126] PTB Pressure: 226kPa (patella tendon), 180kPa (popliteal depression), 152kPa 
(anterior lateral tibia), 30kPa (kick point). 
Shear: 50kPa (anterior lateral tibia), 28kPa (medial tibia) 

Comparison between FEA and clinical measurement 

Zachariah 2000 
[143] 

TSB Max. pressure: 201.5kPa – 250.3kPa (residuum tip). 
Max. shear: 33.2kPa – 108.3kPa  

Comparison of different interface contact models 
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Study Socket 
type(s) Results Notes 

Zhang 1995 [135] PTB Pressure: 226kPa (patella tendon), 155kPa (popliteal depression), 140kPa 
(anterior lateral tibia), 93kPa (anterior medial tibia), 
Shear: 53kPa (anterior lateral tibia) 

Investigating interface friction effects  

Quesada 1991 
[137] 

PTB Pressure: 961kPa (distal anterior residuum tip), 72 – 78 Pa (medial & 
posterior proximal) 
Shear: 463kPa (distal anterior residuum tip) 

Suction socket reduced interface pressures.  
Distal tip pressure reduced with increased residuum 
length.  
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The various direct measurement studies used commercially available (TekscanTM, Novel 

PlianceTM and KuliteTM) and research lab-developed sensors, inserted between the skin and 

liner, or liner and socket, or mounted on and through the socket wall. Although most 

investigations measured interfacial pressures only, some studies measured interfacial shear 

stresses as well [87, 98, 119, 123, 127–129, 131, 145] (Table 2.1).  

The resultant effect of the external force on the residuum limb interface during loading is a 

combination of both normal and shear stresses [11, 20, 43, 129, 146–149]. This resultant 

external stress causes a stress field build-up within the underlying soft tissues. The presence 

of external shear stress increases the resultant stress within the soft tissues beyond the point 

of application of normal compressive stress, and the zone of impact for tissue damage [146, 

149]. Studies investigating the effect of externally applied shear forces on the skin have 

shown that interfacial shear stresses play a significant role in restricting skin blood flow and 

causing deeper tissue injury [43, 129, 148]. Not only does it result in skin deformations by 

stretching, compression, rotation and wrinkling that may be potentially damaging to the 

integrity of the skin vasculature, it also causes true shear deformation in the sub-dermal 

tissues [149]. According to the literature, the degree of blood flow occlusion in the skin 

(45%) is almost equal to the resultant stress increase (41%) when both external shear and 

normal pressure are applied [146, 147].  

From outcomes of clinical measurement tests with transtibial amputee participants to-date, 

researchers [30, 64, 87, 91, 98, 99, 119, 123–134, 145], have reported peak interfacial 

pressures and shear stresses below 375kPa and 70kPa respectively. Peak interfacial pressures 

with TSB sockets are reported to be lower in magnitude than those observed with PTB 

sockets. Peak pressure values typically less than 200kPa [64, 99, 123] and 300kPa [126, 129, 

133] are observed, respectively.  

Quantitative information about the stress distribution at the residuum/socket interface as well 

as the pressure-pain tolerance (PTO), pressure-pain threshold (PTH), and sensitivity of 

different anatomical regions of the residuum are specially significant for socket design 

evaluation and optimisation, and achievement of a comfortable prosthetic fit [138, 144, 150]. 

Though several studies have been conducted regarding pain responses to external pressure 

applied to transtibial residua, there are few consistencies across the research [60, 61, 130, 

142, 151]. Pressure and discomfort sensations are subjective and unique amongst individuals 

due to distinct residuum morphology, and tissue thickness, constitution and properties. 

However, the residuum tip, specifically the distal ends of the fibula and tibia, are indicated 
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to have the least pressure-pain tolerance capacity (PTH: 350 – 450 kPa and PTO: 450 – 600 

kPa), while the mid-patella tendon and medial tibial flare are most tolerant (PTH: 620 – 920 

kPa and PTO: 800 – 1158 kPa) [61, 142]. The clinical measurements presented above 

generally fall below reported PTH magnitudes. With regard to assessment of prosthetic 

socket fit, they might be considered acceptable in that they would not result in pain and 

discomfort. Clinical socket-limb interface stress measurements during usage and pressure-

pain capacities can be utilised to validate FEA predictions, and evaluate goodness-of-fit and 

the risk of discomfort [61, 138]. Safety margins relating local PTH values to predicted peak 

interface pressures could be applied to guide simulation-aided socket design and fitting 

processes [60, 142].  

For transtibial residua, the mid-patellar tendon, posterior calf, medial and lateral tibial flares, 

mid-tibial crest, and lateral fibula flare, shown in Figure 2.21, are generally indicated as load 

tolerant areas. The tibial tuberosity, medial and lateral condyles of the tibia, patella, distal 

ends of both the tibia and fibula, and the popliteal muscles are usually indicated as load 

sensitive regions [61, 142, 150, 152]. On the other hand, the antero-distal area, popliteal 

fossa, fibular head and posterior mid-tibia areas are often estimated as the most prone to be 

loaded with shear [128, 131].  

 

 

 
Figure 2.21. The typical load sensitive and load tolerant areas of a transtibial residuum.  

(Adapted with permission from [152]) 
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Residuum volume fluctuation  

Residual limbs experience significant changes in volume especially during the first 12 – 18 

months postoperative recovery period [153]. Studies have reported variations of 1 – 3% per 

day [154] and 5.9 – 8.5% per hour [62], for measurement taken with one week and one day, 

respectively. Mature limbs over 18 months post-amputation surgery also undergo substantial 

diurnal volume fluctuations, ranging between 0.1 – 1.5% per hour [71, 155]. These 

fluctuations in residuum volume and shape for adults bring about problems regarding 

creation and maintenance of comfortable, functional socket fit. Moreover, decisions about 

initial prosthesis fitting, manufacture of a definitive socket, iterative follow-up socket 

modifications, and recommendation of management strategies for daily volume changes are 

also affected [156, 157]. Residuum volume fluctuations cause changes to residuum/socket 

interface loading and stress distribution, potentially resulting in gait asymmetry, instability 

and skin breakdown problems [11, 16, 17, 120, 123, 158, 159].  

Typical sources of residuum volume changes during the postoperative period include 

oedema, discrete fluid retention, muscle atrophy and residuum muscle activity [69, 160]. 

The diurnal volume fluctuations in mature residua are generally attributed to poor or 

abnormal flow between the arterial vasculature and the venous vasculature, changes in 

lymphatic fluid volume, as well as the frequency of socket donning and doffing [62, 157]. 

Furthermore, the extent of daily residual limb volume change differs greatly among 

prosthesis users depending on socket fit, activity level, ambient conditions, existing 

comorbidities, body composition, dietary habits, medication such as diuretic drugs to 

manage diabetes, and hormonal levels [15].  

Residual limb volume control and care strategies for the immediate postoperative period 

include soft wrapping and/or compression, while liners, socks, interface pads, adjustable or 

temporary sockets, or ambulatory check sockets may be used once the initial prosthesis has 

been fitted [153]. For mature residua, the approaches currently employed for management 

of and compensation for diurnal volume fluctuations comprise: addition and removal of 

socks, interface pads, inflatable air inserts and liquid-filled inserts, and vacuum-assisted 

suspension systems [66, 123, 158, 161, 162].  

Residuum geometry and tissue non-homogeneity  

Residuum shape varies amongst PWA due to differences in bone and soft-tissue 

reconstruction during amputation, in addition to limb volume fluctuations discussed above. 
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Variations in transtibial residual limb geometry and size include length, distinctiveness of 

bony prominences, overall shape, and incidence of flexion contracture of the knee joint [88, 

153, 163, 164]. The circumferential and width profiles along the length define the overall 

residuum shape, often described as conical, cylindrical or bulbous, which has a marked 

influence upon the ability to achieve a non-end-loading socket fit [164]. Additionally, there 

is non-homogeneity within the limb due to different tissue structures, and different tissue 

compositions [160, 165]. These variations influence the residuum/socket interface load 

profile and internal tissue strain, and are contributing factors to decisions made throughout 

the socket fitting and alignment processes [88, 160, 166].   

Interface temperature  

As would be expected, the majority of lower extremity amputees experience thermal 

discomfort when wearing a prosthesis. The warm and humid microenvironment created by 

the prosthetic socket and liners or socks enhances growth of bacteria and skin breakdown, 

which could lead to major residuum tissue health problems [18, 19, 167, 168]. Investigations 

on residuum skin temperature within prosthetic sockets for transtibial amputees have aimed 

to provide crucial understanding and knowledge for development of novel technology to 

address the problem [169–172]. Damp skin has a lower threshold for frictional load 

compared to dry skin. Increase in humidity and temperature causes the top layers of the skin 

to suffer a reduction in stiffness and consequently their load-bearing capability [19, 173].  

Simply wearing a prosthesis causes increase in residuum skin temperature. Even short stints 

of activity further increase this temperature and, short of doffing the prosthesis, rest alone is 

insufficient to provide adequate thermal relief [169]. Klute et al. [170] reported an average 

initial resting steady state residuum skin temperature of 31°C, for unilateral transtibial 

amputees after donning of a prosthesis. The mean temperature before socket donning was 

23 ± 3 °C. They further reported 34.1°C and 33.2°C average residuum skin temperature after 

30 minutes of treadmill walking and after one hour of final post-exercise rest with the 

prosthesis socket still in place, respectively. Also, areas of the residuum with more muscle 

bulk experience greater temperature increase in addition to proximal-distal regional 

differences in skin temperature [170].   

Liner material selection has a larger influence on residuum skin temperature compared to 

socket materials, due to greater variation in the thermal conductivity of liner materials (0.09 

– 0.27 W/m.K) [168, 169] than among prosthetic socket materials (0.148 – 0.150 W/m.K) 

[168]. TSB sockets, which are typically accompanied with silicone liners, are in some studies 
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reported to be superior to PTB sockets with Pelite liners vis-à-vis the amount of perspiration 

experienced by users and reported skin problems [174]. However Hachisuka et al. reported 

PTB and TSB sockets as having approximately equal permeability levels, about 0.067g/hr 

[175]. The poor thermal conductivity and dissipation properties of both typical liner and 

socket materials plus their low moisture permeability, limit conductive heat loss and 

evaporative cooling of the residuum, respectively. Some solutions to reduce residuum 

overheating include a silicone liner with laser-drilled perforations for expulsion of air and 

sweat [176], incorporation of air channels within the socket wall [177], application of 

vacuum to remove sweat [178], and a silicone liner infused with smart materials capable of 

absorbing and releasing heat with phase changes [179].  

 

2.4.2 Interface components/accessories  

Residuum volume (and shape) fluctuations bring about problems regarding maintenance of 

a comfortable socket fit and influence prosthesis function and usage.  This section discusses 

the typical approaches employed for management of and compensation for diurnal and long-

term residuum volume fluctuations. 

Socks 

Prosthetic socks are available in various thicknesses and commonly used to accommodate 

loss of residual limb volume before a socket is replaced. Some studies suggest that 0.2mm 

thickness (1 ply sheath equivalence) is approximately equal to 1% residuum fluid or socket 

volume change [68, 155]. Although socks are reported to provide additional cushioning and 

socket comfort, having many of them on results in a weaker mechanical coupling between 

the residuum and socket. This in-turn increases the bending moments of the socket on the 

limb, thereby amplifying interface stresses [102, 127, 158]. 

Inflatable air-filled socket inserts/Air bladders 

These are expandable sacks, such as shown in Figure 2.22, for placement at the 

residuum/socket interface that prosthetic users can inflate with air to replace residuum 

volume losses. Cavities in the prosthetic socket wall allow external tube access for manual 

inflation of these devices. Their approximate external dimensions when deflated range from 

70mm×70mm×1.7mm to 220mm×70mm×0.8mm [66]. These inserts are applicable for 

compensation of daily residuum volume fluctuations. However their use and versatility is 

limited for several reasons [65, 66]:  
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i) Due to the compressibility of air, they exhibit a narrow dynamic range of volume 

adjustment and do not provide uniform and stable support to the residuum.  

ii) They are susceptible to leakage.  

iii) Their functionality is largely dependent on the mechanical characteristics of the 

confining material.  

iv) Although their resistance to increase in thickness and volume, and hence their 

capability to provide sufficient support to the residuum improves when they are 

highly pressurised, this can cause discomfort and localised soft tissue damage 

due to large compressive strains.  

 

 
Figure 2.22. Examples of inflatable air bladders.  

In columns from left to right: The Air Contact System (Otto Bock, Duderstadt, Germany), 
PNEU-FITTM (Prosthetic Concepts, Little Rock, AR USA), Pump It Up!TM (Amputee 

Treatment Center, Batavia, NY USA), and Pneumatic Volume Control System (CO-MET, 
Neustadt a.d. Weinstrasse, Germany). (Reprinted with permission from [66]) 

 

Expandable liquid-filled socket inserts/Fluid bladders 

These are thin expandable liquid cells, such as shown in Figure 2.23, typically positioned 

proximally to distally along the inner socket wall, that are filled with liquid instead of air to 

replace residuum volume losses. They are reported to be an alternative and better option for 

residuum volume loss accommodation compared to air bladders due to the lower 

compressibility of liquids. This gives a linear proportionality between the liquid volume 

change in the inserts and shrinkage of residuum volume, allowing them to accommodate a 

broader range of residuum volume changes than air bladders [71]. Case studies have also 

reported that though addition of liquid to the cells increases the overall magnitude of 

interface stresses, user comfort increased at higher fluid volume settings [123]. This may 

possibly be attributed to reduced shear to pressure ratios at the particular interface sites, 
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perhaps because it is pressure gradients and resulting shear strain which cause discomfort 

and tissue injury [21].  

Besides residuum volume compensation, air and fluid bladders can be adopted for 

mechanical load and pressure adjustment and relief at the socket interface. Adjustment of 

the pressure and/or volume in the inserts based on loading sensing at the residuum surface 

can be applied with closed-loop control to manage and improve the quality of socket fit and 

comfort [37–42].  

 

 
Figure 2.23. An example of an expandable fluid insert made of medical grade 

polyurethane.  
External dimensions: 140 mm length and 46 mm average width, 64 mm maximum width. 

(Simbex Medical, Lebanon, NH USA). (Reprinted with permission from [123]) 
 

2.4.3 Candidate technologies for a controllable residuum/socket interface 

In-line with the objectives of the thesis, some additional suitable materials and techniques 

were identified from the literature as potentially customisable and adaptable for application 

at the residuum/socket interface, for adjustment of interface loading and socket fit, within a 

control strategy. These are discussed in the following sections. 

Materials with tunable electromechanical properties 

1. Shape memory polymers (SMPs) 

Shape memory polymers (SMPs) are dual shape materials that can dynamically change from 

a temporary shape B to an original shape A by mechanical deformation and fixation in 

response to external stimuli. The external stimuli trigger the shape memory effect of these 

‘active polymers’ on the molecular level, and convert the response into macroscopic 

deformation [180, 181]. The deformation can be reversible and/or scalable, or irreversible 
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material bi-stability. The shape memory effect is independent of the particular chemical 

structure of the polymers and depends only on the molecular construction [182]. Examples 

of reported stimuli include direct actuation by application of heat or light, and indirect 

thermal actuation by application of infrared irradiation, electric current, alternating magnetic 

fields, or moisture. Daily applications for SMPs include smart fabrics, heat-shrinkable tubes 

for electronics, packaging films, spacecraft self-deployable sun sails, self-disassembling 

mobile phones, and intelligent medical devices and implants for minimally invasive surgical 

procedures [183, 184].  

By alteration of molecular parameters, e.g. monomer type or comonomer ratio, and specific 

processing, the basic material characteristics of these polymers, such as mechanical 

properties, can be modified for specific applications [181, 185]. This is termed polymer 

functionalisation. Poly(octylene adipate) (POA) is an elastomer capable of both two-way 

(repeatable) and one-way (unrepeatable) thermally induced shape reversibility [186]. Its 

shape transformation capability is between 5°C (upon cooling) and 38°C (upon heating) for 

the two-way reversibility, and during heating from 5 to 60 °C for the one-way reversibility. 

Its tensile storage modulus is also customisable during synthesis between 1 – 7.9MPa. 

Another polymer network is defined by Hager et al. 2015 that is capable of two-way shape 

reversibility between 27°C and 38°C transition temperatures [185]. Ideally, in terms of 

permissible temperature range informed by typical prosthetic socket-limb interface 

temperatures and external environments, approximately 34 – 40°C in the maximum [170, 

172], these two polymers would possibly be suitable in their two-way shape reversibility 

form. However, other important properties such as the achievable deformation and the 

stiffness or shore hardness range across their operating temperatures, compared to typical 

prosthetic liners with thicknesses of 3 – 9 mm [187, 188], and material stiffness of 380 kPa 

[139] or ≈ 30 – 80 Shore OO Hardness [189, 190], are not reported.   

In addition, PFS/M, i.e. poly(2,5-furandi-methylene succinate) reacted with a bismaleimide, 

is a bio-based healing polymer capable of multiple, reversible and repeatable shape 

transformation [191]. It can be tailored to a number of temporary shapes and recovery 

temperatures, such as stepwise heating between 25, 35, 45 and 65°C. However, it is very 

stiff, with Young’s modulus values ranging from 23MPa to 2.1GPa at the different transition 

temperatures (increasing). The SMPs described above can be synthesised in a laboratory. 

Therefore, in theory, they are customisable with suitable thermo-mechanical properties, for 

example, for application in design of an adaptive residuum/prosthetic socket interface.  
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2. Electroactive polymers (EAPs) 

Electroactive polymer (EAP) materials can expand or contract in response to electric voltage. 

The degree of expansion or contraction can be adjusted by varying the voltage applied, as 

shown in Table 2.3. Ras Labs, LLC, (MA USA), have recently developed ‘synthetic muscle’ 

EAPs capable of dual service as pressure sensors through measurement of their impedance 

[192, 193]. This makes them potentially useful with feedback control-loop circuitry for 

automating applications involving shape-morphing and void filling, while monitoring 

applied pressure. The operating voltage range of these EAPs is 0 – 50V, while their 

durometry matches that of human muscles and soft rubber ≈10 – 40 Shore O Hardness. 

Furthermore, by incorporation of cross-linking agents with different elastic characteristics, 

these EAPs can be made multi-phasic and multi-modal such that they have different levels 

of stiffness.   

Table 2.3. Amount of contraction and expansion by voltage level for a highly electroactive 
polymer material comprising cross-linked poly(methacrylic acid)-co-poly(methacrylic 

acetate, sodium salt). [194] 

Experimental conditions  % change in thickness 
5V, 60 seconds 8% contraction 
5V, 60 seconds (reverse polarity) 5% expansion 
15V, 60 seconds 14% contraction 
15V, 60 seconds (reverse polarity) 44% expansion 

 

3. Granular material jamming 

Jamming is the term used to describe the reversible transition of granular material between 

fluid-like and solid-like states. For granular matter confined in a flexible/elastic bag or 

‘enclosure’, jamming and variable stiffness is achieved by creation of a pressure differential 

between the inside and outside of the enclosure by evacuating the air inside, causing decrease 

of the particle confinement [195–198]. Over recent years, this concept of jamming and 

variable stiffness has been explored in various studies and applications including haptic 

interfaces [199], force feedback [200, 201], mobile robotics [202, 203], creation of 

customisable structures [199], robotic grippers [200, 204], flexible endoscopic tubes [205, 

206], and highly flexible robotic manipulators [201, 207, 208]. Cost reduction, improved 

reliability, reduction of overall system design and control complexity, and improved 

robustness and flexibility of manipulators are some of the main reported benefits of using 

the jamming mechanism for robotics highlighted with the applications above, compared to 

typical active actuation and gripping mechanisms. 
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Chakraborty et al. propose that the concept of freezing can be extended to the transition of 

granular matter from a fluid to a jammed state [196]. In addition, jamming in granular matter 

is directly associated to stress propagation and type of loading (shear or isotropic 

compression). It can also depend on whether the system is at rest during jamming or in 

continuous motion and the grains have finite kinetic energy [209]. Liu and Nagel suggest 

that jammed granular material systems are ‘fragile matter’ and susceptible to changes in the 

direction of applied stress [198]. Moreover, that this concept can be applied to different 

jamming system behaviours using a proposed jamming phase diagram, shown in Figure 2.24, 

based on temperature, applied stress, and density as control parameters.  

 

 
Figure 2.24. A sketch of a speculative phase diagram for granular jamming.  

(Reproduced with permission from [198]) 
 

Further, layer jamming is introduced for creation of thin and lightweight surfaces and walls 

with tunable stiffness [199, 206, 208]. Layer jamming systems comprise an impermeable 

casing with several layers of thin material such as, paper. The mechanism achieves variable 

stiffness by amplification and adjustment of the friction between each material layer by use 

of negative confining pressure (as with granular material jamming), to pack the layers of 

material together. Several reported applications of layer jamming include: robotic 

manipulators for minimally invasive surgery [206, 208], dynamic haptic feedback interface 

design, development of orthosis, deformable furniture construction, illustrated in Figure 

2.25, and wearable footwear design, illustrated in Figure 2.26 [199]. Figure 2.25 and Figure 

2.26 show the functionality of the layer jamming technique in practical load bearing 

scenarios, such as would be necessary for a residuum/socket interface.   
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In 2012, Hill et al., founders of the Benevolent Technologies for Health (BeTH) project, 

developed a concept for a constantly adaptable prosthetic limb/socket interface employing a 

jammable material cavity [210, 211]. The system, shown in Figure 2.27, entails an 

elastomeric bladder liner filled with granular material that is shaped over the residual limb 

by application of a vacuum to the granular material. Adjustments to the applied vacuum can 

be made to accommodate for changes in residual limb volume and shape and to provide a 

comfortable socket fit. The system proposed by the BeTH project primarily aimed to provide 

customisable and adjustable prosthetic sockets for comfort and usability, as well as to 

somewhat reduce the overall cost of prosthetic rehabilitation and socket fit management.    

 
Figure 2.25. Layer jamming: Deformable furniture. Showing applicability for a practical load 

bearing function.   
(Reproduced with permission from [199]) 

 
 

 
Figure 2.26. Layer jamming: Wearable footwear. Showing applicability for a practical load bearing 

function.  
(Reproduced with permission from [199])  
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Figure 2.27. A rendering of the BeTH project jammable prosthetic socket design concept.  

(Courtesy of the BeTH Project [210]) 
 

Appraisal  

The SMPs described above require specific synthesis and fabrication in a laboratory. 

However, though idealistically applicable in the design of an adaptive and controllable 

prosthetic residuum/socket interface system, an evaluation of cost against material 

availability, complexity of production process from synthesis to experimental evaluation and 

characterisation of a usable product, and availability of relevant input data, weighed against 

the overall scope of this thesis eliminated them from further consideration.  

Both granular material jamming and layer jamming techniques are also potentially 

applicable in creation of an actuatable residuum/socket interface. They offer the advantage 

of capability to flow around and conform to any shape.  Granular material jamming presents 

the challenge of susceptibility to gravity in the unjammed state, in case of system failure. 

However, it may be applicable for accommodating long-term volume loss, rather than short-

term volume and shape fluctuations. With multiple layer jamming, complete and uniform 

conformity and pressure distribution of jammed sheets/layers to non-flat, irregular-shaped 

areas of the residuum and bony prominences, while maintaining suitable flexibility and 

loading support could be challenging. Furthermore, analysis would be required to test the 

sensitivity of the jamming actuation mechanism to various operational conditions and 

consistency of actuation performance.  Additionally, the necessary preliminary experimental 

mechanical response characterisation under load, and/or modelling and validation, for 

selection of a suitable jamming material and representative input data for application, 

balanced against the overall scope of this thesis eliminated them from further consideration. 
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The EAP and actuatable socket inserts discussed above have readily available, practical input 

data (i.e. the rate of change of component thickness with applied voltage and force, and 

controllable fluid pressure in response to interface pressure loading, respectively) for 

simulation and were selected for the development of the socket system concept described in 

this thesis, applying feedback control. The aim of such a socket system is to preserve the 

health of the residual limb by minimising tissue damage risk due to prosthetic loading, while 

sustaining the quality of socket fit and perceived comfort.  

 

2.5 Residuum Soft Tissue Mechanics  

Further to above, internal stresses and strains generated in residuum tissues under load and 

contiguous to bony prominences can cause deep tissue injury (DTI)/damage when above 

threshold levels [21, 44]. The residuum’s discontinuous and inhomogeneous internal 

structures however make gross internal stress less significant compared to the tissue strain. 

Internal tissue injury results from large strains of the sub-dermal soft tissues and may only 

manifest externally after severe irreversible internal tissue damage has already occurred [20]. 

In spite of it being impossible to measure internal strain fields directly, unlike surface 

stresses, tissue strains due to external loading are currently considered more relevant than 

surface stresses for prediction of tissue damage [43]. Since about 2006, the major modelling 

effort shifted from residuum/socket interface mechanics to internal soft tissue mechanics 

[212].  

 

2.5.1 Deep Tissue Injury (DTI) 

Pressure related tissue injury such as ulcers and cysts may initially develop in the skin and 

then advance to the underlying soft tissue layers, or begin in the internal tissues close to bony 

prominences and develop towards the skin surface. In the latter case, the wound when 

eventually visible on the skin surface is generally more severely advanced. Sensate subjects 

may be able to draw attention to internal tissue damage by complaining about pain, but deep 

tissue injury can go undetected for insensate subjects until the situation is quite critical. 

Several studies [21, 43, 44, 213], conducted originally for healthcare-setting related 

seating/support surface pressure ulcer (PU) scenarios, and spinal cord injury research, have 

proposed that internal tissue stresses and strains are more suitable measures to define damage 

thresholds for deep tissue injury than limb/socket interface pressure alone.  
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Compressive interface load measurements on their own are reported to have little 

significance towards estimation of the strain state and extent of damage of the underlying 

soft tissue layers. This requires comparison of the local internal undeformed and deformed 

mechanical state, and some methods to estimate and quantify the magnitude of deformation 

with advancement of local injury. A number of studies have used MRI techniques, such as 

shown in Figure 2.28, and numerical modelling, respectively, which suggest that a threshold 

exists above which deep tissue damage develops due to strain [94, 214–216].  

 

 
Figure 2.28. T2-weighted transverse slices of deformation-induced tissue injury in a rat 

hind limb.  
(a) indenter applied to the skin at the level of the tibialis anterior muscle (T= tibia and 
F=fibula); (b) indenter applied to the muscle with large indentation; (c) image taken 

immediately after removal of load; and (d) image taken 30 min following unloading. A 
higher signal intensity (indicated by arrow) becomes visible, which is an indication of 

damage. (Reprinted with permission from [20]) 

 

DTI threshold output measures are affected by several factors: the aetiology of internal tissue 

damage (such as ischemia, lymphatic impairment, ischemia/reperfusion injury and constant 

deformation due to direct mechanical stress), loading duration, inter- and intra-individual 

loading and anatomic variability (due to age, activity level, illness and muscle activation 

levels that affect tissue properties), and differences in thickness of soft tissue layers and 

muscle structures [44, 94, 165, 213, 215–219]. 

Gefen et al. [44] outline an experimental technique for calculating the temporal compressive 

strain threshold for necrosis in bio-artificial muscles (BAMs) at normal pH of 7.4 under 

static loading. The damage region due to non-uniform, concentric strain induced in a planar 

tissue-engineered construct using an indenter, was used to compute a critical compressive 

strain endurance EC with respect to time. This experimental critical strain data was fitted with 

a closed-form time function (a decreasing single-step Boltzmann-type sigmoid) (2.1), similar 

to that previously used by Linder-Ganz et al. [213] to describe a pressure–time tissue injury 

threshold in Sprague–Dawley rats. As shown in Figure 2.29, tolerance to about 50% 
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compressive strain for the first 1hr and under 35% after 4.75hr for the lower 0.95-confidence 

limit was observed. Instantaneous cell death due to irreversible damage was observed at 57% 

compressive strain, comparable to another study by Peeters et al. [220] investigating damage 

properties of single attached C2C12 cells under compression. Also, simulation of in vivo 

extracellular acidosis due to ischemia with BAMs at pH 6.5 indicated that the damage 

threshold was generally unaffected by mild acidosis (pH 5.8 – 7.4) for up to 24hr, beyond 

which time the strain endurance reduced below 40% [217]. 

EC(t) = 
K

1+e α(t-t0) +C 

(2.1) 

where K, t0 (mins) the point of maximum downward slope of the EC curve and the midpoint 

of the sigmoid step, α (min–1), and C are empirically determined constants.  

Measured interface pressures for transtibial residua reported in the literature (see Table 2.1) 

are much higher than the pressures, 11.5 – 77kPa, applied in the aforementioned Linder-

Ganz histopathology study [213], and the reported characteristic pressure-time threshold of 

32 – 9kPa. Also, the corresponding tissue strain due to the applied loads is not stated. The 

study by Linder-Ganz et al. involved muscle tissue of rats which is inherently different from 

human muscle tissue. On the other hand, Gefen et al. [44] used tissue-engineered BAMs, 

lacking vasculature, but whose metabolism characteristics were comparable to others used 

in studies examining contributions of compression, hypoxia, and ischemia effects towards 

muscle tissue damage [217, 221]. In addition, the compressive strain values, 57 – 42%, 

reported by Gefen et al. are closer to those reported in other TTA studies (see Table 2.4).  

From the above arguments that internal tissue strain measures are better indicators of 

biological damage and DTI than surface pressures [20, 21, 43, 94, 215], the strain-time injury 

threshold proposed by Gefen et al. was selected for use in this thesis for DTI risk assessment 

for a transtibial residuum model using FEA predictions of induced compressive strain in the 

limb due to prosthetic loading (Chapter 4). These DTI risk estimates were then used to drive 

a controller algorithm for actuation at the residuum/socket interface to maintain safe surface 

loading magnitudes (Chapter 5).  
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Figure 2.29. The strain–time cell death threshold for BAM specimens under large 

compressive strains.  
The short-time strain endurance of cells (K + C) within the first hour of continuous 
compression (0 < t < tb) is approximately 1.4-fold higher than the longer term strain 
endurance limit (C) after between 3 and 4.75h of continuous compression (te < t < 

experiment time). Gray lines are the 0.95-confidence limits. The time-points tb and te are 
calculated from intersections of a line tangent to the sigmoid step at the midpoint, t0, with 

lines Y1 = K + C and Y2 = C, respectively (dashed lines).  
(Adapted with permission from [44]) 

 

2.5.2 Soft tissue characterisation and modelling   

Estimation of quantitative biomechanical parameters as guidelines to prosthetic socket 

design and fit assessment is one of the long-standing aims of FEA simulation of lower limb 

amputation residua. The computational difficulty of FEA modelling would however 

exponentially increase without application of simplifying assumptions to the complexities 

of non-linear elasticity, i.e. non-homogeneity, anisotropy, viscoelasticity and time 

dependency, arising from the hyperelasticity and large, finite deformations of biological soft 

tissue and prosthesis component materials [139, 222, 223].  

The residuum is a complex structure consisting of multiple tissue types including mainly 

bone, skeletal muscle, tendons, adipose, and skin. In prosthetics modelling research, a few 

studies have modelled the residuum as a multi-layered structure with distinct skin-adipose,   
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Table 2.4. Results of internal residuum tissue mechanics modelling in the literature. 

Study Socket type(s) Results Notes 

Ramírez 2012 
[224] 

Digitised 
plaster cast, 

no 
modifications 

Max principal tensile strain: 85 – 163% 
Max principal compressive strain: 26 – 118% 

Transfemoral; Comparing bone-soft tissue 
contact conditions 

Lacroix 2011 
[225] 

Digitised 
plaster cast, 

no 
modifications 

Mean principal tensile strain: 32.4% 
Mean principal compressive strain: 53.2% 

Transfemoral; Socket donning 

Portnoy 2009-a 
[165] 

Plaster cast Bone proximity layer (BPL):  
Mean principal compressive strain: 3.1 – 15.5% 
Mean principal tensile strain: 2.8 – 13.7% 
Mean maximal shear strain: 2.9 – 14.9%  
Muscle flap and fat tissues: Max. principal compressive strain: 73.3% 

Deep tissue injury analysis. 
 

Portnoy 2009-b 
[160] 

Plaster cast Mean principal compressive strain: 3.1 – 5.9% 
Mean principal tensile strain: 2.8 – 5.5% 
Mean maximal shear strain: 2.9 – 5.8% 

Influence of  surgical and morphological 
Factors 

Portnoy 2008 
[95] 

Plaster cast Max. interface pressure: 65kPa (fibula head, tibial crest) 
Max. interface shear: 51.9kPa (distal tibia)  
Max. Principal tensile strain: 129% 
Max. Principal compressive strain: 85%; Max. Shear strain: 106% 

Bone displacement loading 0.9 – 1.8 mm 
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and muscle tissue layers [226, 227]. Typical structural simplifications include the residuum 

soft tissues (i.e. the muscles, tendons, fascia, subcutaneous adipose and skin) considered as 

one structure, and the bones (i.e. the femur, tibia, fibula, and patella) characterised as a single 

rigid component [144]. Also, the residuum soft tissues, bones, liner and socket are typically 

approximated as isotropic, homogeneous, linear-elastic and nearly incompressible [79, 126, 

135, 228]. However, several studies investigating the mechanical response of soft tissues 

under load report linear behaviour validity only for small deformations, and non-linear time-

dependency for large deformation magnitudes, such as experienced due to prosthetic loading 

[229, 230]. More recently, several studies predominantly investigating internal soft tissue 

mechanics (see Table 2.4) have proposed hyperelastic and viscoelastic modelling 

formulations such as, the Neo-Hookean [95, 160, 225, 231] and Mooney-Rivlin [232], and 

the Maxwell and Kelvin-Voight models [95, 226, 229], respectively, for the soft tissues. In 

general, the hyperelasticity models are created from a strain energy density (SED) function 

W that contains deformation tensor invariants of principal stretch ratios I1 and I2, the total 

volume ratio J, and material constants, Cij and D (a volumetric constitutive parameter). The 

deformation invariants are computed from FEA-estimated model deformations, whereas the 

material constants are found from empirical fitting of a particular SED stress–strain profile 

to experimental data [233]  or iterative inverse methods [226, 229, 234]. Most of these 

studies use SED functions obtained from general material data or ex-vivo animal tissue data, 

instead of participant-specific data, for characterisation.  

Some studies have expanded the hyperelastic formulations to consider the more challenging 

viscoelastic or time-dependent effects of soft tissue loading in their residuum models [95, 

226, 229]. Stress relaxation approximations defined in terms of the muscle tissue shear 

modulus, G, have been applied for long-term stress estimations to predict soft tissue injury 

risk [95, 235]. These studies only considered the long-term and not transient loading effects, 

justified by the study objectives of investigating DTI risk for soft tissues due to prolonged 

usage of healthcare-setting related seating/support devices. The studies by Tönük and Silver-

Thorn [229], and Sengeh et al. [226] both considered transient effects of viscoelasticity; The 

formulation defined by the former study was limited in that it could not predict creep 

response from the stress relaxation model, or vice versa, whereas the latter only modelled 

stress relaxation. There is not yet any reported study modelling the effects of strain rate 

(dynamic loading) – linked to muscle activation tissue stiffening effects [160, 236] – on 

tissue response.     
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Other studies [237–240] propose the use of Artificial Neural Networks (ANN) to simplify 

the response to changes in complex user-specific input parameters for automatic digital 

iterative socket design and rectification. Such methods propose key contributions towards 

enhancing the use of FEA in socket design and fitting especially for clinical settings, but do 

not state explicit outcome measures and objectives to estimate comfortable fit.  

Tissue structure geometry and material properties differ between prosthetic users based on 

factors such as age, activity level, peripheral vascular diseases and neuropathy, and, over a 

much shorter timescale (seconds), muscle activation levels [160, 218, 241, 242]. Modelling 

the effects of these issues could enable prediction of loss of satisfactory socket fit 

concurrently with initial socket design and fitting. Studies show that these parameters can 

be characterised in several ways including inverse FEA using unloaded vs. loaded fat-

saturated MRI data and elastography [227, 243, 244]. Dickinson et al. [212] propose that 

modelling of within-tissue inhomogeneity may be especially useful for more detailed 

understanding of internal soft tissue analysis, either by assignment of different material 

models to distinct tissue layers or by defining discrete tissue structures, for instance separate 

muscle sets [245, 246]. It is also put forward that 2D plane strain modelling of transverse 

sections of residua is advantageous in facilitating high computational efficiency while 

allowing for high spatial resolution at locations of interest [212, 219, 247].  

Several recent studies have applied imaging techniques together with experimental 

measurement systems with high spatial resolution and sensitivity for model adaptation, 

tuning (investigating and improving the influence of model adaptations on predicted 

biomechanical outputs) and validation (comparing agreement between modelling and 

experimental outputs) [20, 94, 214, 215]. This is reported as a promising approach for 

reducing model errors due to non-homogeneity in tissue properties and for maintaining 

credence in FEA estimates [21, 214].  

The residuum/prosthetic system is highly complex and several continuum material models 

have been proposed to represent the biomechanical response of the residuum soft tissues. 

Therefore, it is essential to carefully define study objectives to establish the precision 

required for application, and which properties of the soft tissues need to be captured for 

reliable predictions, weighing essential trade-offs between computational complexity and 

effectiveness. The model design requirements for the current study were to provide 

biomechanical rationale and training input data for DTI risk assessment for local interface 

pressure actuation control, based upon predicted relationships between interfacial pressure 
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and internal tissue compressive strain at specific anatomical regions. Simplifications 

included neglecting viscoelasticity effects, anisotropy, non-homogeneity, or segmentation 

of distinct muscular compartments of the soft tissues. 

Interface modelling  

Residuum/socket interface FEA contact models are generally simulated with singular 

coefficient of friction (COF) values between 0.4 and 0.5 using a Coulomb ‘stick-slip’ friction 

model based on experimental studies characterising the static COF in dry, ambient 

temperature conditions [212, 248, 249]. A few experimental studies investigating dynamic 

frictional characteristics reported a COF range of 0.4 – 3.1 for elastomeric liners [169, 250].  

In addition, the presence of hair, coupled with sweat and grease on the residuum skin due to 

elevated temperatures and humidity experienced when wearing a prosthesis (see Section 

2.4.1), are reported to have considerable effects on the skin interface COF [251, 252]. Studies 

suggest that though these lubricating effects may lower the COF value, to between 0.22 – 

0.45 [251], thereby reducing the shear stress on the residuum skin [253], they may also result 

in reduction of threshold strains sustainable prior to onset of deep tissue damage [43, 254].    

Furthermore, recent increased use of elastomeric liners [255], which fit tightly on the 

residuum, has led to renewed interest in characterising the COF at the skin-liner interface 

[169].  In particular, some studies have indicated the suitable values for simulating this 

interface as above 2.0, approximated as bonded contact [253]. By employing this modelling 

strategy, near accurate prediction of locations of observed presence of skin breakdown at 

locations of peak contact stresses amongst participants was reported. Additionally, peak and 

mean interface pressures were indicated to be lower than those reported in previous studies 

[79, 95, 256] that favoured modelling of a higher coefficient of friction at the liner-socket 

interface (typically bonded contact) than at the skin-liner interface. Although reported mean 

shear stresses on the residuum surface were higher than in the latter studies, it is reported 

that the skin can bear shear stresses better than frictional abrasion, and can withstand more 

load before breakdown under lower friction [257].  
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2.6 Control Techniques for an Adaptive Prosthetic Socket Interface 

System 

The control scheme for such an adaptive, self-adjusting prosthetic socket interface as 

described herein demands particular characteristics in order to meet operational 

requirements. These include:  

 

1. A self-regulating, repeatable, time-based decentralised system.  

2. A multivariable system that can accommodate multiple sensors and actuator 

components, i.e. a multiple-input-multiple-output (MIMO) control strategy.  

3. Capability for real-time, bounded, nonlinear control. 

4. Capability to estimate unobservable states, e.g. actuator mechanical/electrical 

characteristics. 

5. Ability to handle static and dynamic loading characteristics.  

6. Capacity to reject disturbances for elements external to the system, for example, gait 

information and prosthesis alignment effects.  

Some promising candidate control approaches that meet the above specifications were 

identified and are described here.  

 

2.6.1 Gain Scheduling Control  

Gain scheduling is an adaptive control method for nonlinear systems that applies a set of 

linear controllers at suitable design points over the system’s operational envelope. The 

design points are normally characterised by measurable variables that specify where in the 

operating range the system states are at any given time. A gain schedule comprising data 

lookup tables, functions or matrices gives satisfactory controller parameters at the design 

points determined from the scheduling variables (σ) [258]. In operation, the system 

interpolates between the controller gains defined by the current scheduling values to achieve 

satisfactory off-design point control and/or the transitions between operating regimes.  

Nonlinear gain scheduling control can be broadly outlined in four steps. Step one entails 

linearisation of the nonlinear system about a set (S) of operating design points to estimate a 

linear parameter-varying (LPV) model for the system (2.2). Jacobian standard linearisation 

using fixed values of scheduling variables and quasi-LPV considering the time-varying 



Chapter 2 

59 

dynamic state of a system are the two most common approaches [258, 259]. Step two 

involves design of a family of linear controllers for the LPV system model for design points 

within S, such that the linear closed-loop system is stable with acceptable transient and 

steady state performance. This produces a gain schedule. The third step is the 

implementation of the gain schedule based on the current values of the design variables. The 

final step is system performance evaluation, analytically for local stability close to design 

points, and extensive simulation-based validation of global performance [260, 261].  

The general LPV system is described by [258]  

�
ẋδ
zδ
yδ

� = �
A(σ) B1(σ) B2(σ)
C1(σ) D11(σ) D12(σ)
C2(σ) D21(σ) 0

� �
xδ
vδ
uδ

�,  σ ∈  S 

(2.2) 

where A(σ), B(σ), C(σ) and D(σ) are matrix functions based on the equilibrium scheduling 

variable denoted by σ. u is the input, v is a signal representing external “input functions” 

such as reference commands, disturbances and noise, x is the state, y represents measured 

output, and z denotes an error signal. The deviation variables for a Jacobian linearisation 

approach are defined as 

xδ(t) = x(t) − xe(σ),       uδ(t) = u(t) − ue(σ) 

(2.3) 

where the subscripts δ and e denote deviation variables and equilibrium design points, 

respectively.  

Gain scheduling control has several advantages: it can be used even for incomplete analytical 

database system models with few design points [262]; it allows use of well-understood linear 

controller design and methodology using the physical system variables, compared to 

coordinate transformations in nonlinear control methods; it innately allows for decentralised 

control system design with sub-problem/loop interactions represented by scheduling 

variables; it enables swift controller response to changing system operating conditions; and  

it has a lower computational cost compared to typical nonlinear control techniques [258, 

259, 263].  

Some of the limitations of this control approach include that it is applicable for limited 

system linearisation about constant design points. Stability and performance assessment is 

not typically guaranteed with linearisation gain scheduling except locally and for slow-

varying design parameters, and depends on comprehensive simulation [259]. However, the 
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quasi-LPV method generally presents the possibility of both stability and performance 

guarantees. Most large aircrafts operate using gain scheduling over large variations of system 

parameters that have bounded ranges over the operational envelope [263].  

 

2.6.2 Full State Feedback (Pole placement) Control  

Full state feedback control entails systematically determining the values of a state-feedback 

gain matrix, such that the closed-loop system has a desired set of eigenvalues to place system 

poles at the required locations for desired stability in both time and frequency domain 

performance criteria. It is a technique for adaptively allocating closed-loop poles for both 

continuous and discrete time multivariable systems [264–266]. It can be applied to nonlinear 

systems by implementing linear parameter estimation procedures in the controller design 

[267, 268]. It requires an input-output description of the plant model, (2.4) and (2.5).  

The plant output is given by:  

y(s) = G(s) u(s) 
(2.4) 

 G(s) = C(sI − A)-1B = kp
Z(s)
P(s) 

(2.5) 

where u is the plant input; (A, B, C) are the system state, input and output matrices, 

respectively; (P, Z) represent the system poles and zeros; kp is a constant ≠ 0; and P(s) = det 

(sI – A). P(s) and Z(s) are polynomials with constant coefficients of order n and m, 

respectively.  

The adaptive controller structure u(t) is   

 u(t)=k1
T(t)x(t)+k2(t)r(t) 

(2.6) 

where x(t) is the system state vector, r(t) represents a reference signal and  

k1(t)=[k11(t),k12(t),…,k1n(t)]T ∈ Rn,          k2(t) ∈ R 
(2.7) 

k1 and k2 are the adaptive estimates of the unknown controller parameters, k1* and k2*, 

respectively. 
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k1
*=[k11

*,k12
*,…,k1n

*]
T
 ∈ Rn,          k2

* ∈ R 
(2.8) 

k1* and k2* are defined to satisfy 

det �sI − A − Bk1
*T

� =Pm(s)Z(s)
1
kp

,          k2
*=

1
kp

 

(2.9) 

u(t) is used to update the plant model and derive an estimation error of the system state to 

develop an adaptive state feedback control law to update the controller parameter estimates 

k1(t) and k2(t). The control law ensures bounded closed-loop behaviour and asymptotic 

tracking of the reference signal by the plant output y(t) [268].  

Implementation of this method requires that the dual concepts of system controllability and 

observability be met, albeit partially [265]. Controllability stipulates that there exists a 

control input that transfers any initial state of the system to any desired final state in finite 

time. Observability provides that values of unknown internal state variables can be estimated 

using only the available and known system outputs. State estimation is often achieved via a 

Kalman filter which requires perturbation of the system to produce reliable state estimates. 

Noted limitations of this control technique are that for MIMO systems, the applied 

controllability and observability indexes must be uniform across all variables for a unique 

closed-loop structure to be guaranteed. Also, for this reason this approach is not quite 

suitable to handle over-parameterised system models [264, 265].  

 

2.6.3 Generalised Predictive Control (GPC)  

Generalised Predictive Control (GPC) is a model-based predictive control method first 

proposed by Clarke et al. [269]. Due to its capability to handle multivariable, high model 

order and unstable open loop systems, and dead time in addition to maintenance of good 

stability margins, it is widely and successfully adopted in industry [270–272]. As its name 

suggests, this control approach explicitly allows for looking ahead and anticipation of future 

control targets and/or input demands. It computes current inputs based on predicted model 

behaviour over a finite horizon, ny, into the future. At each sampling instant, a new future 

control output prediction is computed based on anticipated future control targets and/or input 

demands, and past outputs and inputs, and the control input is automatically adjusted to take 

into account the new future information. The prediction horizon is usually more than the 
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settling time of the open-loop system so as to capture all important dynamics. GPC borrows 

its logical conceptuality from practical human behaviour of anticipation (prediction) which 

is very useful for automated control. If one is filling a water tank with a pipe, for example, 

they will keep observing the rate of change in depth of the water in the tank as it fills up, in 

order to determine if and by how much to adjust the rate of water flow from the pipe.        

The future predicted behaviour (output) (2.10) is derived from a model of the plant and is 

dependent on the current measured variable and input. GPC generally uses linear models 

because they ensure that the relationship between the control output predictions and future 

control action is also linear, therefore simplifying closed-loop performance optimisation and 

off-line analysis. Nonlinear models can also be used after implementation of appropriate 

linear approximation. Additionally, the level of model fidelity directly affects the allowable 

number of reliable control moves, nu, (i.e. the future input control horizon) at each step for 

dynamic performance optimisation during transients [273].  

The GPC one-step-ahead prediction is defined as 

y→k+1 = H Δu→k + P Δu←k-1 + Q y←k 

(2.10) 

where k is the current sample step, k+1 is one sample step in the future, Δu is the vector of 

control input increments, and H, P, Q are the prediction matrices.  

Furthermore, the predicted input or increment choices are dependent on minimisation of a 

cost function, J, (2.11) such that the future control action (2.13) gives the lowest numerical 

value of cost, implying good closed-loop performance. This cost function minimisation 

(2.12) tends towards stability for a given horizon, and allows for tuning to achieve a balance 

between desired performance in different loops, adequate system sensitivity, or the 

aggressiveness of control action. Together with suitable output (ny) and input (nu) horizons, 

tuning is further accomplished by application of a control weighting constant, λ, in the cost 

function that expresses the relative significance of future control increments compared to the 

tracking errors [274].  

The GPC cost function/performance index is defined as  

 J =  � e→k+1
T  e→k+1

ny

k=1

+ λ � Δu→k
T  Δu→k

nu

k=1

             e→k+1 = r→k+1 − y→k+1 

(2.11) 
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where ny is the prediction horizon for capturing the key dynamics of the system, nu is the 

control horizon and determines the number of control moves applied per step, r is the vector 

of control targets, e is the vector of tracking errors, and λ is the control weighting constant. 

λ applies a penalty on the input deviation from the set-point or steady-state value, or on the 

rate of change of the input.  

At each sampling step, the performance index, J, is optimised w.r.t future input increments, 

Δu→k, to give the control law, Δuk.  

min
Δu→k

J  ≡ grad J (Δu→k) = 0 

(2.12) 

Δuk = E1
T �HTH + λI�

-1
HT �r→k+1 − P Δu←k-1 − Q y←k� 

(2.13) 

Another feature of GPC is its capability for systematic online constraint handling and feeding 

forward of future changes in the desired state and quantifiable disturbances, alongside 

optimisation of predicted performance, while retaining suitable gain/phase (stability) 

margins. Moreover, most control solutions for MIMO systems are unable to handle 

multivariable interaction effectively since they are dependent on limited plant information 

[275]. They rely on specific linearisations or plant parameters and yield good performance 

over small parts of the operating envelope, but are likely to be less applicable to the general 

case. Conversely, GPC efficiently handles parameter interaction by innately using plant 

models, and a defined cost function/performance index, which can be readily adjusted using 

weighting factors to deal with the uncertainty in system parameters in a general sense, while 

maintaining good bandwidth and stability. However, just as the model-based nature of the 

GPC control law allows for most of the various benefits outlined above, it is also its greatest 

limitation since its precision and robustness go hand in hand with the degree of fidelity of 

the plant or process model used [269, 271, 273].  

 

Summary 

The key characteristics for a control structure for an adaptive, self-adjusting socket interface 

have been presented and suitable control techniques reviewed. As discussed throughout the 

chapter so far, the mechanisms and interactions at the residuum/prosthetic socket interface 

are quite complex and far still from being fully understood. The predictive nature and readily 

adjustable performance index applied with GPC means that design parameters do not have 
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to be known exactly a priori, and so it allows for testing the feasibility of the adaptive socket 

system approach rather than to produce a specific optimised solution. GPC also lends itself 

rather easily for numerical implementation using matrix methods. For these reasons, GPC is 

adopted for the proof of concept, as detailed in Chapter 5.  

 

2.7 Conclusion of Review  

Overall comfort and general user satisfaction with prosthetic limbs is mainly dictated by the 

quality of the socket fit. There has been a lot of research into socket design over the last 

couple of decades, with the aim of designing sockets to better meet the users’ needs. 

Traditional designs present unmet challenges mainly to do with presence of large interfacial 

pressure gradients, inadequate accommodation of residuum changes, and high dependence 

on specialised personnel for modification.  

More recently, there have been developments of adjustable socket designs that allow user-

operated or automated socket fit modification. However, all are passive/semi-passive and 

depend on user input with high variability and recognised low reliability as regards 

determination of safe tissue loading limits. Although these implementations with flexible 

interfaces may show improved performance regarding measured interface pressure 

compared to conventional designs, they still risk tissue injury, especially to insensate users, 

unless they measure or predict DTI onset.  

The socket transfers the forces from ambulation onto the residual limb, resulting in contact 

stresses at the surface and internal strain of the soft tissues. While interface stresses are 

practically measurable, they do not directly indicate injury risk of sub-dermal tissues. 

Several studies have used indenter measurements, FEA models, and tissue viability measures 

to usefully interpret interface pressure measurements for better estimation of strain and 

damage onset, and extent, within underlying tissues. Enhancing application of these 

techniques to enable DTI risk assessment of the impact of socket adjustments for better 

optimisation of interfacial stresses, could be a useful extension to existing flexible interface 

technologies, for preservation of residuum tissue health and improvement of the overall 

prosthetic rehabilitation outcome. This thesis applies FEA to provide biomechanical basis 

for predictive DTI risk assessment for a self-adjusting socket, to enable adaptive modulation 

of interface pressure inside estimated safety limits, by dynamic in-socket adjustments within 

a control system structure.  
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Chapter 3 Interface Actuation Methods for an Adaptive 

Prosthetic Socket System  

This chapter first outlines the global functional characteristics for a self-adjusting prosthetic 

socket system that incorporates an actuatable residuum/socket interface to actively modulate 

interface pressure within estimated safe internal tissue strain levels. Subsequent sections 

develop specifications for candidate functional interface actuation techniques, and presents 

a comparative Concept-Design Failure Mode and Effects Analysis (C-DFMEA) of the 

different options on account of their individual limitations.  

 

3.1 Main requirements for a practical self-adjusting socket system 

incorporating residuum tissue injury risk estimation 

3.1.1 Actuatable interface components at key residuum locations 

Intra-socket actuatable components (inserts) would be positioned at the residuum/socket 

interface and designed for response to interface prosthetic loading and/or limb volume 

management. The residuum locations are chosen based on research findings in the literature 

and clinical assessment, and are personalised. Personalisation might be needed because of 

anatomic and physiological variability in residuum tissue shape, composition, layer 

thickness and load tolerance, arising from factors such as age, activity level, illness, and 

surgical reconstruction [19, 160, 165, 216, 218, 242]. From the literature, the patellar tendon, 

medial and lateral tibial flares, posterior calf, mid-tibial crest, and lateral fibula flare are 

generally indicated as load tolerant areas for transtibial residua. The tibial tuberosity, medial 

and lateral condyles of the tibia, patella, residuum tip, distal ends of both the tibia and fibula, 

and popliteal muscles are indicated as load sensitive regions [55, 150] (see Figure 2.21). 

Selected actuator locations should comprise both load tolerant and load sensitive regions.   

 

3.1.2 Direct pressure sensing at the socket-limb interface 

Sensors placed at the liner-skin or socket-liner interface are required for measuring normal 

pressure at the selected residuum locations. Some considerations should be made in selecting 

the mounting technique. For placement between the socket and liner, mismatch between the 
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liner material properties and the residuum tissues, plus the liner thickness, may alter pressure 

distribution thereby affecting the accuracy of the pressure measurements, in addition to 

lowering the spatial resolution of the transducer [276]. Conversely, sweat on the residuum 

skin due to the warm and humid microenvironment created by the prosthetic socket and liner 

[167] could affect transducer operation and measurement accuracy for sensors mounted with 

direct skin contact. Comprehensive modelling, calibration, and water proofing are some 

precautions that might be applied to overcome the above limitations.  

Examples of commonly reported sensors utilised at the socket-limb interface (Table 2.1) 

include strain gauged, diaphragm-type sensors such as KuliteTM [98, 277, 278] whose 

transduction mechanism relies on change in resistance of a set of strain gauges adhered in a 

bridged arrangement to a deformable diaphragm, force sensing resistors such as F-SocketTM 

(TekscanTM) [30, 99, 134] that rely on variation in contact area between a conductive 

membrane and flexible electrode as their transduction mechanism, and capacitive sensors 

such as PlianceTM [97, 124, 279] whose transduction mechanism depends on change in 

capacitance of a flexible material between two electrodes.  

Sensor characteristics  

For this application, research on plantar pressure measurements [280] provides background 

for trade-off between signal error resulting from edge concentrations against sensor size, for 

recommendation of single-cell sensor spatial resolution of ≤ 25mm. Also, to allow for 

greatest conformity to residuum shape while avoiding unwanted stress concentrations and 

minimising discomfort, thin, flexible sensors with a thickness of ≤ 1mm are recommended 

[281, 282]. Sensor array patches over the contact area between the socket insert and limb or 

liner versus single-cell sensors over discrete areas should be evaluated for handling pressure 

gradients, especially at load sensitive regions.  

Sensor sampling rate of 50 – 100 Hz is recommended in order to preserve at least up to 99% 

of the frequency content of gait (~15 Hz) while avoiding aliasing and adequately eliminating 

the effects of noise [283–285]. Furthermore, from Section 2.4.1, reported peak interface 

pressures reach up to about 375kPa, therefore sensor measurement capacity to this value 

would be acceptable.  

 



Chapter 3 

67 

3.1.3 Tissue injury risk estimation  

In this research, this process involved FE analysis of a 3D residuum model developed from 

MRI scans and used to simulate several loading scenarios and localised liner compliances at 

select anatomical regions of interest (see Chapter 4). The predicted results were examined 

to identify the interface pressure vs. internal tissue strain relationships and the cross-effects 

between actuator regions, and then finally creation of surrogate models for tissue injury risk 

evaluation for each actuator locations for plugging into the control framework for adaptive 

interface actuation. Realistically, because of complexity of FEA model development and 

potentially long computation times, a new model would not ideally be created for each 

individual socket fitting. Rather, these surrogate models would be broadened to incorporate 

person variability by means of, for example, residuum tissue thickness and compliance 

assessments using ultrasound, elastography and indenter measurements [286–289], or tissue 

viability measures of transcutaneous O2 and CO2 with loading [47].  

 

3.1.4 Embedded operation system development kit and System power 

The self-adjusting socket would require a microcontroller development kit and operation 

system, and a chargeable battery. To allow ease of movement, a light-weight housing 

containing these components could be mounted below the socket. Adequate considerations 

should be taken to ensure energy efficiency for running the embedded system throughout the 

day, including a mobile user interface, while meeting application needs by integration of 

different low-power standards, such as Wi-Fi, IEEE 802.15.1, Bluetooth Low Energy and 

IEEE 802.15.6 [36, 290].  Sanders et al. [36] reported up to 1.35W power consumption for 

a single adjustment, of 4.75 mm cable length in 8.5 seconds, for their motorised cabled multi-

panel socket with 23.68Wh battery capacity. Energy saving techniques including kinetic 

energy harvesting during movement [291], data reduction by adaptive sampling during 

sitting, walking and standing, and duty-cycling during idle state [290, 292], could also be 

considered.  

 

3.1.5 Socket production  

The direct pressure casting technique (Section 2.2.3), and thermoplastic socket formation or 

resin lamination methods [59, 293], is recommended for fabrication of this socket system as 

it is currently reported as the fastest and easiest socket fabrication technique [32, 57, 75, 76]. 
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Silicone pads used at the residuum/socket interface during the casting processes prior to 

check-socket fabrication would facilitate the integration of the actuatable components at the 

residuum locations identified above [30, 55]. Alternatively, a rectified TSB socket design 

with built-in relief pockets at the selected regions of the residuum could be suitable.  

 

3.2 Functional Interface Actuation Components 

Based on similar implementations in the literature, some operational requirements for the 

interface actuation systems for the self-adjusting socket system, include: 

i. Actuation resolution – the smallest achievable displacement: 0.5mm, roughly 

equivalent to a 1-ply cotton sock change [68]. 

ii. Actuation speed: 0.05mm/s [36]. 

iii. Actuation pressure capacity – the maximum allowable in-socket pressure change per 

step: 6.8 kPa [294]. 

 

Three candidate methods were selected for modelling the concept functional actuation at the 

residuum/socket interface as illustrated in Figure 3.1. These three techniques were chosen as 

they lend themselves easily to adaptation within an active socket system by having 

measurable, easily interpretable and greatly controllable mechanical and electrical 

parameters. This chapter describes the relevant equations and theoretical models for design 

and simulation of these actuation methods in Simulink®. The following three sections are 

the three implementations.  

i. Translational spring and damper system (plunger-type) inserts  

ii. Fluid bladder inserts 

iii. Electroactive polymer (EAP) inserts  
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Figure 3.1. An illustration of a residuum/socket interface with embedded actuator 

component.  
 

3.2.1 Translational Spring and Damper System (Plunger-Type) Inserts  

This actuator consists of a highly flexible compression spring embedded in a silicone 

padding, and coupled to an electric motor with a ball-screw and nut assembly for converting 

rotary motor motion into linear motion, as illustrated in Figure 3.2. The function of the spring 

is to provide some positive force at all times to prevent separation of the liner from the skin 

at the actuator location and to gear down the motor movement for finer actuation. Figure 3.3 

shows the free body diagram for this component. The damping and spring stiffness 

coefficient values, c and k, respectively, were considered constant parameters of the 

actuation component subsystem. The subsystem relies on the viscoelastic material properties 

of the liner to provide the damping. The manipulated variable is x, a measure of the 

expansion/contraction of the spring and damper subsystem, and represents the peak normal 

displacement at the centre of the actuator-skin contact interface. F is the force exerted by the 

socket on the residuum at the contact interface as a result of prosthetic loading.  
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Figure 3.2. An illustration of the translational compression spring and damper insert type.  

 

Main parameters and equations  

The key variables required for modelling this actuator were derived from literature values 

for the material properties of typical prosthetic liner material and the geometric sizes of other 

existing prosthetic interface componentry, i.e. bladders and pressure pads. Representative 

values are presented in Table 3.1 below. 

 

 
Figure 3.3. Free body diagram of the spring and damper actuator type.  

c, k and m represent the damping coefficient for silicone liner material, spring stiffness 
coefficient, and mass of the component, respectively. x is the displacement of the system. F 
is the force exerted by the socket on the residuum at the interface. Etiss represents the limb 

tissue stiffness.  
 

The subsystem equations are: 
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𝑐𝑐 = ξ × 𝑐𝑐𝑐𝑐    Ns.m-1       and        𝑐𝑐𝑐𝑐 = 2√k × m 

(3.1) 

where ξ is the damping ratio for silicone liner material [295], cc is the critical damping of the 

system from vibration control theory [296], m is the mass of the actuation component, and  

k =
E × A

L0
   N.m-1 

(3.2) 

where E is the Young’s modulus of typical silicone liner material, A is the cross-sectional 

area of the actuation component, and L0 is the original maximum thickness of the actuation 

component. It is reported that prosthetists recommend maximum socket insert thickness of 

≤10 mm for practical use, otherwise stresses would be concentrated only over a fairly small 

area compared to the entire residuum surface and could lead to vascular constriction in the 

skin in those areas [65, 66].  

From vibration control theory, the governing equation for a single actuator system of this 

type is 

� 𝐹𝐹𝑥𝑥 ≡ 𝐹𝐹(𝑡𝑡) − 𝑐𝑐�̇�𝑥 − 𝑘𝑘𝑥𝑥 = 𝑚𝑚�̈�𝑥  

(3.3) 

The state equation for controlling the displacement x is  

�̇�𝑥 = ��̇�𝑥
�̈�𝑥� = �
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0
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𝑚𝑚

� 𝐹𝐹(𝑡𝑡) 

(3.4) 
 

Table 3.1. Representative values for modelling the spring-damper (plunger-type) insert. 

Variable Value Reference 

Damping ratio for silicone liner, ξ 0.3 [295] 

Young’s modulus of silicone liner, E  380 kPa [139] 

Maximum thickness of component, L0 10 mm [66] 

Mass of component, m 10 – 100 g [66, 123] 

Cross-sectional area of component, A  60 cm diameter (circular) to 220 
mm×70 mm (rectangular) [66, 297] 
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3.2.2 Fluid Bladder Inserts  

This actuator type is a fluid bladder insert connected to a controllable ideal pressure source 

(compressor), capable of delivering and maintaining the desired pressure level without 

adding or losing heat. It was modelled in the MATLAB®-based Simulink environment 

(MATLAB R2016a, MathWorks®, USA) as a hydro-mechanical transducer system, 

converting hydraulic energy into mechanical energy by translational motion of a transducer 

output piston. It was estimated to be an ideal transducer where the fluid density is constant 

and does not change with pressure. Since the fluid in the socket insert is static, Pascal’s 

principle of fluid mechanics applies. Any externally applied pressure, pext, is transmitted 

undiminished in the fluid and equal pressure, p, is applied on all parts of the limb/socket 

interface that are in contact with the insert, as shown in Figure 3.4. The pressure applied on 

the residuum surface at any instance during use is measured directly by an interface sensor 

(see also Figure 3.1) and considered to be equal to the pressure in the fluid insert at that time.  

Typical socket fluid inserts are made of polyurethane, polyvinyl chloride or natural rubber 

material and commonly come in different sizes ranging from 70mm×70mm×1.7mm to 

220mm×70mm×0.8mm [66, 123]. The fluid medium is typically water, though some contain 

diluted propylene glycol [123].  

 

 
Figure 3.4. Free body diagram of the fluid bladder actuator type.  

(pext = p)  



Chapter 3 

73 

Main parameters and equations  

The important variables required for modelling this actuator were derived from the 

properties of water. Representative values are presented in Table 3.2 below. 

From fluid mechanics theory, the subsystem equations are: 

ν = 
μ
ρ

  m2.s-1                    τ = μ × 
δu
δy

  Pa.s 

(3.5) 

where ν is the kinematic viscosity, a measure of the rate of momentum transfer in a fluid and 

is represented by the ratio of the fluids’ dynamic viscosity, μ, to its density, ρ. τ is the shear 

stress on a unit element of the fluid, and δu/δy is the rate of local shear deformation.  

The bulk/volume modulus, K, a measure of the compressibility of a unit volume of a fluid 

when its pressure is changed is given by:  

K = −
dp

dV/V0
  Pa 

(3.6) 

where dp is the differential pressure change on an element of the fluid, dV is the differential 

volume change of the fluid element due to dp, and V0 is the initial volume of the fluid 

element.  

The thermal conductivity, k, was also taken into account – at 35°C, corresponding with the 

approximate steady-state temperature of the residuum skin during sustained gait [170]. 

Water has a high thermal conductivity which is good for cooling by transferring heat from 

the residual limb to the socket wall. It is expected that controller feedback should take care 

of any variation of the above properties or complexity introduced by temperature changes at 

the residuum/socket interface.  

Due to nonlinearity arising from the parameter interactions involved in the conversion of 

hydraulic energy into measurable mechanical force in the Simulink modelling, specifically 

flow rate to the converter chamber and converter output member velocity, this actuator 

system model does not result in a standard, linear governing equation. The model was 

linearised by means of existing tools in MATLAB® and converted into transfer function 

form for implementation in the controller algorithm, as outlined in Section 5.2.  
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Table 3.2. Representative properties of water and diluted propylene glycol for modelling 
the fluid bladder insert. 

Fluid/Property Value Reference 

 @ 35°C @ 40°C  

Water    

Density, ρ (kg.m-3) 993.7 992.2 

[298–300] 
 

Kinematic viscosity, ν (m2.s-1) 7.45 x 10-7 6.58 x 10-7 

Bulk/Volume modulus, K @ 
atmospheric pressure (Pa) 2.24 x 109 2.26 x 109 

Thermal conductivity, k @ 1 
bar (W/m.K) 621.6 x 10-3 628.6 x 10-3 

Diluted propylene glycol, 
50% concentration    

Density, ρ (kg.m-3) 1035.3 1032.1 

[300, 301] 
 

Kinematic viscosity, ν (m2.s-1) 1.64 x 10-5 1.38 x 10-5 

Bulk/Volume modulus, K @ 
atmospheric pressure (Pa) 3.4 x 109 3.4 x 109 

Thermal conductivity, k @ 1 
bar (W/m.K) 350 x 10-3 353 x 10-3 

 

3.2.3 Electroactive Polymer (EAP) Inserts   

This actuator type is introduced in Section 2.4.3. EAPs can provide variable expansion or 

contraction in response to voltage. The actuation component was modelled in the 

MATLAB®-based Simulink environment as an electro-mechanical transducer system, 

converting electrical energy into mechanical energy by translational motion of a transducer 

output member. The actuator system is connected to a controllable ideal voltage source and 

the energy conversion is considered lossless. As shown in Figure 3.5, the EAP pad can be 

bonded to the inside of the prosthetic socket wall and the pressure applied on the residuum 

surface during use measured directly by an interface sensor. 

 

Main parameters and equations  

The important variables required for modelling this actuator were derived from the 

properties and specifications of the shape-morphing electroactive polymer material 

described by Rasmussen 2018 [194, 302]. Representative values are presented in Table 3.3. 
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Figure 3.5. An illustration of an EAP shape-morphing actuator pad (A) that can be bonded 

to the inside of the prosthetic socket or liner.  
L0 is the resting thickness of the pad before any charge is applied to it. A conductive 

backing (B) is bonded to the EAP pad to constrict it’s width during expansion or 
contraction. A flexible electrode (C) connects the conductive backing to the EAP pad and 

to an electric power source.  
 

The relationships between electrode potential difference (V) and the rate of change of the 

thickness of the component (U), and the force exerted through the component (F) and the 

current through the electrodes (I) are described by:  

V = K × U 

F = K × I 

(3.7) 

where K is the constant of proportionality (N/A or V/ms-1).  

For lossless energy conversion, an equal constant of proportionality, K, was estimated at the 

interface between the electrical and mechanical domains, i.e. between the potential 

difference V, across the electrical ports and the rate of change of the component thickness 

U, across the mechanical ports, and between the force F, through the mechanical ports and 

the current I, through the electrical ports of the system. Considering an insert made from the 

shape-morphing EAP described by Rasmussen 2018 [194], for example, application of 15V 

results in contraction and expansion of 14% and 44% respectively, on one plane only (see 

Table 2.3). For a 4mm thick component at the residuum-socket interface, this represents a 

rate of change U, of the thickness of the component of up to 0.03mm/s, and therefore K 

would be 5.1 x 105 V/ms-1.  
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The conversion of electrical potential difference into measurable mechanical force is not a 

linear function. The model was linearised using existing tools in MATLAB® and converted 

into transfer function form for implementation in the controller algorithm as outlined in 

Section 5.2.  

Table 3.3. Representative values for modelling the EAP insert. 

Variable Value Reference 

K (V/ms-1) 5.1 x 105 [194] 

Original resting thickness of 
component, L0 (mm) 3 – 5 [28, 97] 

 

3.3 Failure Mode and Effects Analysis (FMEA) 

FMEA provides a framework for a design or process for analysing the root causes of 

potential failures, estimating their severity and impact, and assessing the effectiveness of 

preventive strategies. The goal is to generate action plans to prevent, correct, detect or 

minimise the impact of potential failures [303].  

A Concept-Design Failure Mode and Effects Analysis (C-DFMEA) was conducted for each 

of the actuator components described above to identify the potential design-based failure 

mechanisms plus their possible causes and effects, adequate design verification steps and 

provide possible preventive or corrective actions. This analysis could be useful for selection 

from candidate techniques and trade-off evaluations of the designs based on failure mode 

criticality or risk assessment [304].   

The key parameters of a FMEA include the severity ranking (SEV) of the effect of a given 

failure mode, the relative likelihood or probability of occurrence (OCC) that a given cause 

will occur during the design life and result in a particular failure mode, and the likelihood 

that a design weakness that could cause a particular failure mode will not be detected (DET) 

by the given design controls and verification steps. The above three parameters make up a 

risk assessment criterion and provide a measure indicating the relative criticality and priority 

of each failure mode.  

The scores and descriptive interpretations for the severity of possible design failure effects, 

the probability of occurrence of failure causes, and the likelihood of failure detection for the 

intra-socket actuator subsystems described in this chapter are outlined in Table 3.4. The 
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likelihood scores for occurrence of potential failure causes are typically also assigned 

quantitative rates in orders of magnitude such as 1:10, 1:100, …, 1:106 [303, 305]. 

Taking into account a dormancy period, defined as the average time when a failure 

mechanism may be undetected by the user, built-in system diagnostic action, automatic 

testing, design controls and verification steps, or inspection, a preliminary risk level can be 

ascertained by a matrix combination of the failure effect severity and likelihood of 

occurrence [303], as shown in Table 3.5. The greater the risk level, the higher the priority of 

a failure mode and the more the justification for the recommended mitigation and corrective 

measures for the possible root cause(s). This is outlined in Table 3.6. The Risk Priority 

Number (RPN) is calculated by multiplying the severity, occurrence, and detection scores 

(3.8) and is used to rank failure risk criticality and for prioritising preventive and/or 

corrective actions for the causes [305]. A description for failure risk criticality ranking is 

provided in Table 3.7. 

RPN = SEV × OCC × DET 
(3.8) 

The non-detection factor, DET, is of particular interest for any FMEA conducted for the 

socket system described in this work. Here, it potentially involves a human effect as well as 

design, assembly and manufacturing verification steps and controls. Mitigation measures to 

address high scoring risk levels should take into account the possibility of the prosthetic 

system being used by persons who do not have adequate sensory perception to detect 

discomfort or injury. In addition to the design and process verification controls, risk 

reduction measures might include research precedent and/or use advice.  

 

Method  

An exemplar C-DFMEA for an adaptive socket system design operating with each of the 

three actuators described above is presented in Table 3.8. A systematic approach was 

applied, taking into account the potential failures associated with each actuator type, 

separately. The process involved consideration of possible mechanisms of failure of the 

actuators’ discrete parts and interfaces illustrated above (see Figure 3.2, Figure 3.4 and 

Figure 3.5), and the individual probable causes and implications of failure.  

The plunger-type actuator has a number of different parts mechanically assembled into a 

single unit, hence potential evident failures involve breakage of discrete parts or the system 

assembly. Such failure could be caused during socket donning or doffing, or as a result of  
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Table 3.4. Representative scores and descriptive interpretations for the severity of design failure effects, probability of occurrence of failure causes, and 
likelihood of failure cause detection for the actuator subsystems within the active socket system design. The DET scoring works in reverse of the other two. 

SEV Score Description OCC Score Possible 
occurrence rate DET Score 

Insignificant/ 
Trivial 1 

Failure that the user would probably not 
notice and that would have no noticeable 

effect on the system performance 

Very low 
(improbable) 1 <1:20,000 

Design weakness remains 
undetected until a time that the 

system performance degrades to the 
extent of a breakdown. 

5 

Minor/Low 2 

Failure that would cause slight annoyance to 
the user e.g. slight bruising, but that would 
cause no noticeable deterioration in system 

performance 

Low (less 
likely) 2 1:10,000 – 1:20,000 

Design weakness remains 
undetected by the given design 
verification steps until system 

performance is severely reduced 

4 

Medium/Moderate 3 

Failure that would cause a moderate to high 
degree of user discomfort and dissatisfaction 
e.g. pain, or that causes noticeable but slight 

deterioration in system performance 

Moderate 
(possible) 3 1:200 – 1:2000 

Design weakness may be detected 
by the given design verification 
steps or remains undetected until 
system performance is affected 

3 

Major/High 4 

Failure that causes major user discomfort 
and/or leads to minor injuries such as, 

inability to use the limb for a period and need 
for medical treatment. Serious safety 

implications. Significant deterioration in 
system performance.  

High (likely) 4 1:20 – 1:100 
Near certain design weakness will 

be detected by the given design 
verification steps 

2 

Severe/Very high 5 

Failure that would cause sudden damage, 
serious injury such as need for additional 

surgery, or catastrophic harm. Very serious 
safety implications. System breakdown and 

maybe without prior notice. 

Very High 
(certain) 5 1:2 – 1:10 

High certainty design weakness will 
be detected by the given design 

verification steps 
1 
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Table 3.5. Exemplar failure mechanism severity and probability of cause occurrence risk 
level matrix. 

Risk Level Matrix 

Failure Mechanism Severity 

Trivial Low Medium High Very 
high 

1 2 3 4 5 

Pr
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e Very High (certain) 5 5 10 15 20 25 
High (likely) 4 4 8 12 16 20 

Moderate (possible) 3 3 6 9 12 15 
Low (less likely) 2 2 4 6 8 10 

Very low (improbable) 1 1 2 3 4 5 

 

 

Table 3.6. Exemplar risk level and priority assignment.  

Risk Level Risk Priority/Acceptability 
1 – 3 Risk acceptable 
4 – 6 Risk to be reduced if readily possible 
7 – 14 Risk to be reduced if reasonably practicable 
15 – 25 Risk unacceptable 

 

 

Table 3.7. Exemplar risk criticality assignment. 

RPN Score Risk Criticality Description 
1 – 9 Negligible Acceptable 

10 – 25 Marginal 
Could result in little to moderate discomfort to user 
and/or harm and some system degradation. Mitigation 
and/or corrective actions to be taken if readily possible. 

26 – 63 Critical 
Could result in serious harm and/or system degradation. 
Serious safety implications. Mitigation and/or 
corrective actions to be taken if reasonably practicable. 

64 – 125 Catastrophic 
Could result in severe injury and/or major system 
breakdown. Very serious safety implications. 
Mitigation and/or corrective actions MUST be taken. 
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excess pistoning, resulting in discomfort, inadequate socket fit or system operational 

problems. With the fluid bladder actuator, the system may fail because of leakage or too high 

or low pressure caused by inadequate sealing between the insert and compressor tubing, a 

defect within the enclosure material, or malfunctioning valves. Shorting between the 

electrode, conductive backing and polymer pad is a probable primary failure expected with 

the EAP actuator, as a result of inadequate bonding, cabling defects or contact with excess 

accumulated moisture at the socket interface.  

Risk level scores for possible failures were computed to provide an indication of preliminary 

importance for mitigating against the root causes. Risk level scores above 14 represent 

unacceptable risk and demand greatest attention (see Table 3.6). The RPN totals could be 

used to evaluate which actuator type has the highest failure risk criticality and whose design 

controls and preventive interventions therefore require utmost consideration.  
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 Table 3.8. Summarised exemplar C-DFMEA for an adaptive socket system operating with each actuator type. 

Component Function of 
component 

Potential 
Failures 

Potential Effect(s) 
of Failures SEV 

Potential 
Cause(s) of 

Failure 
OCC Risk 

level 
Design Controls/ 
Verification Steps DET RPN* 

Corrective/ 
Preventive Actions 
and Interventions 

Plunger-Type 
Insert 

Respond to 
controller 
action to 
adjust 
interface 
loading. 
 

Provide 
sufficient 
prosthesis 
suspension 
during the 
swing phase. 

Breakage of or 
deterioration of 
parts; 
disconnection of 
system 
assembly. 

Discomfort to user.  
Tightening of socket 
fit, increasing 
pressure on 
residuum. 
Intermittently 
operative/inoperative 
system.   
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Excess force on 
parts during 
socket donning. 
 

3 12 

Experimental 
testing & analysis.   
Clinical 
Evaluation. 
Control & Manual 
fail-safes. 

3 36 

Testing for stronger 
& more durable 
materials for each 
part. 
Add waterproof seal 
between liner & 
component.  
Revision and testing 
of fail-safe 
processes. 
Re-testing the 
robustness of 
assembly.   

Excess force on 
parts due to 
pistoning. 
 

4 16 3 48 

Internal parts of 
component come 
in contact with 
erosive external 
elements. 

3 12 3 36 

Loss of power or 
signal to 
microcontroller/
motor. 

Intermittently 
operative/inoperative 
system. 
Discomfort to user.  
Increased pressure 
on residuum. 
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Disconnection of 
cables to 
microcontroller/ 
motor. 3 12 

User to verify all 
cable connections 
before use. 
Control & Manual 
fail-safes. 

2 24 

Development of a 
more robust wiring 
arrangement.  
Revision and testing 
of fail-safe 
processes. 

Depletion of 
battery power. 

3 12 

Experimental 
testing & analysis. 
Clinical 
Evaluation. 
Control & Manual 
fail-safes. 

1 12 

User to ensure 
battery power at 
adequate levels 
before each use. 
Revision and testing 
of fail-safe 
processes. 

  RPN TOTAL 156  
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Component Function of 
component 

Potential 
Failures 

Potential Effect(s) 
of Failures SEV 

Potential 
Cause(s) of 

Failure 
OCC Risk 

level 
Design Controls/ 
Verification Steps DET RPN* 

Corrective/ 
Preventive Actions 
and Interventions 

Fluid Bladder 
Insert 

Respond to 
controller 
action to 
adjust 
interface 
loading. 
 
Provide 
sufficient 
prosthesis 
suspension 
during the 
swing phase. 

Leakage, too 
high or low 
insert pressure.  

Intermittently 
operative/inoperative 
system. 
Discomfort to user. 
Increased pressure 
on residuum. 
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Defect with insert 
enclosing 
material.  
 

4 16 

Experimental 
testing & analysis. 
Clinical 
Evaluation. 
Control & Manual 
fail-safes. 

4 64 

Development of a 
more robust seal and 
tubing layout. 
Evaluation of 
alternative insert 
materials, valves and 
tubing. 
Revision and testing 
of fail-safe 
processes. 
 

Inadequate seal 
between insert 
and compressor 
tubing. 
 3 12 

3 36 

Defective 
/malfunctioning 
valve(s). 
 

4 48 

Loss of power or 
signal to 
compressor/ 
microcontroller. 

Intermittently 
operative/inoperative 
system. 
Discomfort to user.  
Increased pressure 
on residuum. 
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Disconnection of 
cables to 
microcontroller/ 
pump. 3 12 

User to verify all 
cable connections 
before use. 
Control & Manual 
fail-safes. 

2 24 

More robust wiring 
arrangement. 
Revision and testing 
of fail-safe 
processes. 
 

Depletion of 
battery power. 

3 12 

Experimental 
testing & analysis. 
Clinical 
Evaluation.  
Control & Manual 
fail-safes. 

1 12 

User to ensure 
battery power at 
adequate levels 
before each use. 
Revision and testing 
of fail-safe 
processes. 
 

  RPN TOTAL 184  
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Component Function of 
component 

Potential 
Failures 

Potential Effect(s) 
of Failures SEV 

Potential 
Cause(s) of 

Failure 
OCC Risk 

level 
Design Controls/ 
Verification Steps DET RPN* 

Corrective/ 
Preventive Actions 
and Interventions 

Electroactive 
Polymer 
(EAP) Insert 

Respond to 
controller 
action to 
adjust 
interface 
loading.  
 
Provide 
sufficient 
prosthesis 
suspension 
during the 
swing phase. 

Loss of 
electrical 
connection/ 
shorting 
between 
electrode, 
conductive 
backing and 
EAP pad 

Intermittently 
operative/inoperative 
system. 
Discomfort to user. 
Increased pressure 
on residuum. 
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Internal parts of 
component come 
in contact with 
damaging external 
elements such as 
water/excess 
moisture. 

4 16 

Experimental 
testing & analysis.   
Clinical 
Evaluation. 
Control & Manual 
fail-safes. 

3 48 

Addition of 
waterproof seal 
between liner & 
component.  
Revision and testing 
of fail-safe 
processes. 

Inadequate 
bonding between 
electrode, 
conductive 
backing and EAP 
pad. 

3 12 3 36 

More robust bonding 
between electrode, 
conductive backing 
and EAP pad. 
Revision and testing 
of fail-safe 
processes. Cabling 

defect/break. 4 16 3 48 

Loss of power or 
signal to 
electrode/ 
microcontroller 

Intermittently 
operative/inoperative 
system. 
Discomfort to user. 
Increased pressure 
on residuum. 
Inadequate socket fit 
& prosthesis 
suspension. 

4 

Disconnection of 
cables to 
microcontroller/ 
EAP pad. 

3 12 

User to verify all 
cable connections 
before use. 
Control & Manual 
fail-safes. 

2 24 

Development of a 
more robust wiring 
arrangement.  
Revision and testing 
of fail-safes. 

Depletion of 
battery power. 

3 12 

Experimental 
testing & analysis. 
Clinical 
Evaluation. 
Control & Manual 
fail-safes. 

1 12 

User to ensure 
battery power at 
adequate levels 
before each use. 
Revision and testing 
of fail-safe 
processes. 

  RPN TOTAL 168  

*A representative RPN score matrix is outlined in Appendix A – CDFMEA.  
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3.4 Appraisal   

It is expected that general design controls and verification steps such as laboratory bench 

testing, evaluation of parts and materials, manual and control fail-safes, experimental testing 

and clinical evaluation, should be considered for mitigating the occurrence of system failures 

at the design stage. Control fail-safes could include:  

1. Back-ups – Engaging a back-up power supply and/or back-up pump.  

2. Power shut-off   

• System defaulting to the pressure setting expected upon socket donning or lower, 

hence giving a looser fit and possibly slightly impaired function of the prosthesis, 

but avoiding tissue overload.  

• Turning off power to a malfunctioning insert. 

3. Warnings or errors signals to the user via a user interface. 

Manual fail-safes should allow operation by the user to correct system failures and should 

include provisions for manual pressure reduction for doffing the socket, and to increase 

pressure to maintain suspension, at the least.  

From the C-DFMEA (see Table 3.8), it is noted that the fluid insert has the highest RPN 

score. This indicates that the end-user criticality of possible failures with this component, 

and therefore the priority to be assigned for preventive and/or corrective actions for the 

potential causes ranks higher than for the other two actuator components. This is largely 

because the probability of detection of possible failure causes or design weaknesses for 

example an inadequate or defective insert enclosing material or valve, which could cause 

leakages in the system, is very low. Special attention should be paid towards mitigating such 

design flaws as they may remain undetected by the given design verification steps and the 

user, until they cause major discomfort, serious injury and/or safety implications, or the 

system performance is severely reduced or degrades to the extent of a breakdown.  

Lastly, in this thesis, rectangular 80mm × 100mm and circular 60mm diameter cross-

sectional areas were modelled for the intra-socket actuators. These sizes are considered 

suitable for placement at the posterior calf, and the patella tendon and distal tip locations, 

respectively [66, 297]. Additionally, regarding the overall physical layout of the socket 

system, the motor assembly to drive the plunger-type actuators could be mounted on the 

exterior socket wall at the different limb locations, and discreetly covered with cosmesis 
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depending on user preferences. The compressor for pressurising the fluid inserts, and the 

controller circuit board assembly for operating the socket system could be mounted below 

the socket. A possible layout of the assembled active socket system is illustrated in Figure 

3.6.  

This study outlines technical specifications for modelling and design simulation of candidate 

functional interface actuation techniques, for a self-adjusting prosthetic socket system with 

DTI risk monitoring. It further provides a comparative concept-design failure mode and 

effects analysis of the actuators for assessing their practicality. The next chapter describes 

the application of FEA to characterise interfacial pressure vs. internal tissue strain 

relationships at three discrete locations of a transtibial residuum, and creation of surrogate 

models for DTI risk evaluation. The following chapter then describes the interface actuation 

control structure and compares simulated control performance for the actuators presented 

above. 

 

 

 
Figure 3.6. A sketch illustrating a possible layout of the assembled self-adjusting transtibial 

socket system.  
The placement and size of the interface actuation components, the system operation kit and 
compressor unit (for the fluid inserts) and the motors (for the plunger-type inserts) are for 

illustrative purpose only and represent one possible configuration for use. 
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Chapter 4 Using FEA to Inform Residuum DTI Risk 

Estimation for an Adaptive Prosthetic Socket System  

A conceptual structure for a self-adjusting transtibial prosthetic socket system with tissue 

injury risk monitoring is presented in Figure 1.2. It includes: pressure load sensing at the 

residuum/socket interface, evaluation of predicted damage risk of the soft tissues using an 

established strain threshold [44], and maintaining safe strain levels by adaptive interface 

actuation of intra-socket components situated at three key locations of the residual limb. 

Within the tissue injury risk evaluation protocol of the system, represented by Figure 1.2 (B) 

and (C), the goal is to utilise the biomechanical output measures from FEA of a transtibial 

residuum model for estimation of tissue damage risk due to prosthetic socket loading.  

As discussed in the review chapter, there has been a lot of research into lower limb prosthetic 

socket design and there are various interventions aimed at improving user comfort and the 

quality of socket fit. However, these studies do not monitor the effect of the interface or 

socket wall adjustments on the deeper residuum soft tissues. With a need to minimise 

interface pressure gradients and manage limb volume fluctuations in order to improve socket 

fit and the overall stability of the prosthesis, there exists a risk of inadvertently overloading 

the residuum tissues during adjustment.  

This chapter describes the use and extension of an existing 3D FEA model [306, 307] to 

estimate the internal strain of residuum soft tissues and the pressure loading at the limb-

socket interface at two load-bearing and one load sensitive location(s) of the residual limb, 

i.e. the patella tendon (PT), the central posterior calf (PCALF) and the tibia distal tip (DT), 

respectively [150, 152]. Figure 4.1 illustrates the FEA model used.  

The objectives of the work presented in this chapter are to:  

i. Provide a basis for controller architecture configuration of multiple interface 

actuators, as regards a coupled vs. an uncoupled structure.  

ii. Provide biomechanical rationale and training data to generate exemplar surrogate 

models for residuum tissue injury risk assessment for interface actuation control.  
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Figure 4.1. A sagittal section of the residual limb 3D FEA model illustrating geometry, 

loading configuration and boundary conditions, plus the regions of interest for actuation: 
the posterior calf (PCALF), patella tendon (PT), and tibia distal tip (DT).  

 

4.1 Methodology 

An existing FE model was developed for the specific research questions in this thesis. A 

brief description of the inherited model's generation process is provided, for completeness. 

The model was developed from MRI scans of a person with unilateral transtibial amputation 

(Siemens Magneton Spectra MRI Scanner, 3 Tesla, 3 mm slice thickness, 0.52 mm in-slice 

resolution, T1 weighted scan sequence, 6 channel surface coil and 24 channel spine coil for 

parallel imaging) [307]. Ethics permission for usage of the imaging data was granted through 

institutional secondary data ethics approval references ERGO#29927 and ERGO#41476.  
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Segmenting 

The MRI DICOM data was imported into Scan IP software (Scan IP N-2018.03, Synopsys 

Inc., USA) and segmented into bones, soft tissue (combining muscles, skin and subcutaneous 

fat), patella and quadriceps tendons, and meniscus structures. The socket was modelled 

based upon a simplified TSB design by copying and adjusting the external shape of the 

residuum using three control points. A 2% press fit was created along the socket length to 

ensure model stability and convergence while avoiding high pressure at the residuum tip due 

to absence of longitudinal shear stress.  
   

Meshing  

The segmented structures were modelled using a continuous quadratic tetrahedral mesh for 

the residual soft tissue, tendons and meniscus, structured hexahedral elements for the 

prosthetic liner, and linear quadrilateral shell elements for the prosthetic socket. The meshing 

was done using the ScanIP +FE module. The meshed 3D model was imported into ABAQUS 

6.14 (Dassault Systèmes®, FR) FEA software for analysis. Mesh convergence analysis 

performed during creation of the model determined that a 5mm mesh size gave the best 

balance of RMSE in biomechanical output and computational resource, requiring 8918MB 

RAM per solution [307]. All simulations for the current study were solved on a high-

performance computer unit (Intel Core i7-4790, 3.60GHz, 24GB RAM) within 

approximately 30min per simulation.  
 

Material and interface properties 

The material models for the meshed structures were derived from reported values in 

literature and are presented in Table 4.1. The residuum soft tissue and liner structures were 

modelled with an isotropic, hyperelastic, neo-Hookean formulation [308], whereas the bone 

[309], tendon [310], meniscus [311] and socket [79] structures were modelled as linear-

elastic. Three material models were applied to the liner, informed by: the linear-elastic 

modulus typically used in prior literature studies for silicone gel liner material [139, 140, 

228], plus a higher and a lower alternative. In the present study, these initial elastic modulus 

values were used to inform the neo-Hookean constitutive parameters, C10 and D1, assuming 

near-incompressibility, using (4.1) [306]:  
 

C10eqv. = 
E

4(1 + ν)
                           D1eqv. = 

6(1 − 2ν)
E

  

(4.1) 
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Model simplifications and assumptions included neglecting viscoelasticity effects, 

anisotropy, non-homogeneity, or segmentation of distinct muscular compartments of the soft 

tissues. A neo-Hookean material model was applied for the soft tissues and liner as it is a 

highly established approach by other similar FEA studies [95, 160, 225, 231], and also 

because of the model parameterisation, which is easily implemented between linear and neo-

Hookean models, but more complex for models with several deviatoric and temporal 

parameters [307]. The model was parameterised to facilitate variation of the local liner 

stiffness at the three anatomical regions of interest (ROI) of the residuum, i.e. actuator 

locations, to test effects of actuation extremes. The liner stiffness values tested were 

equivalent 200kPa, 380kPa (typical) and 500kPa. A full factorial design of experiments 

study (n = 27 experiments) of liner stiffness variation across the three ROI was performed. 

The rest of the liner bulk was maintained at 380kPa.  

The aim of this was to test the effect of changing the local liner (socket insert) stiffness on 

localised compressive soft tissue strain and surface pressure, and the cross-talk (interaction) 

between the three actuator locations. This is was considered important because, for example, 

if using a pressurised fluid insert to regulate the loading at the residuum interface, changing 

the pressure of the insert to increase or alleviate interface loading may affect the stiffness of 

the insert, and could be expected have some impact on the degree of localised tissue 

deformation. Also, because of the near-incompressibility of the soft tissues, compressing the 

tissue in one region will lead to a ‘flow’ and a necessary increase in volume and/or 

compressive strain elsewhere. It was postulated that the information about the interaction 

between the regions was essential to inform the overall socket system design regarding the 

option to use an uncoupled vs. coupled controller model structure for the interface actuators 

at the three locations.  
 

Table 4.1. Mechanical properties of the FEA model structures.  
Shows both the linear-elastic and equivalent neo-Hookean hyperelastic parameters for the 

parametric liner stiffness analysis. 

Structure E, MPa ν C10, kPa D1, MPa-1 Reference 
Bone  12000 0.30 - - [309] 
Tendon  400 0.49 - - [310] 
Meniscus  59 0.49 - - [311] 
Soft tissue 0.04829 0.49 8.075 1.243 [308] 
Socket (Polypropylene 
homopolymer) 1500 0.30 - - [79] 

Liner (typical) 0.380 0.49 63.758 0.316 [139, 140, 228] 
Liner (low) 0.200 0.49 33.557 0.600 - 
Liner (high) 0.500 0.49 83.893 0.240 - 
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Modern socket design developments in clinical practice [312] dictate use of liners with high 

friction inner and low friction outer surfaces, respectively, such that the liner-socket interface 

is the primary slipping interface and not the limb-liner interface. A median COF of 2.0 has 

been reported for elastomeric prosthetic liners [169, 253], which typically accompany TSB 

sockets [27, 28, 255] and are currently most prescribed in clinical practice [312]. Studies by 

Cagle et al. indicated that this approximated as bonded contact, and gave good correlation 

between FEA predictions and locations of observed presence of skin breakdown amongst 

participants [253]. Peak and mean interface pressures were also reported to be lower than 

those of previous studies [79, 95, 256] that typically modelled a bonded contact at the liner-

socket interface and a Coulomb ‘stick-slip’ friction model with COF values between 0.4 and 

0.5 at the skin-liner interface (see Section 2.5.2). Although reported mean shear stresses on 

the residuum surface were higher in the Cagle studies than in the latter, it is reported that the 

skin can bear shear stresses better than frictional abrasion, and can withstand more load 

before breakdown under lower friction [257].  

In the present model, the residuum-liner interface was fully bonded to represent a sticky 

silicone gel liner that fits tightly and experiences tension when rolled up the residual limb 

[253, 255]. A Coulomb friction model with a COF of 0.5 was applied at the liner-socket 

interface [253].  

 

Model loading 

The process of socket donning was modelled prior to applying external loading. This 

involved displacing the socket proximally to give a small initial interference with the residual 

limb, removal of radial interference, followed by proximal displacement-control translation 

of the socket leaving a 5mm gap between the interior of the socket and the residuum distal 

tip. Reported in previous studies, the displacement-controlled donning allows for a stable 

solution when moving to the force-control loading step [225, 307]. The process generates 

shear strains at the interface due to friction and allows the socket to find a natural position 

off-axis. Other donning methods which use purely ‘overclosure’ to remove normal 

interference [140] do not generate interfacial shear, and place the socket at an assumed 

location instead of achieving static equilibrium. 

According to several biomechanics studies, the dominant forces during gait for unilateral 

transtibial prostheses are the forces and moments in the sagittal plane [253, 313, 314]. Quasi-

static 2D sagittal plane loading was applied to the model with a proximal-distal force (Fz), 
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an anterior-posterior force (Fx) and an extension-flexion moment (My), for approximation of 

typical prosthetic use during the stance phase of gait. The load values, presented in Table 

4.2, were extracted from studies of dynamic load-cell data for unilateral transtibial prosthesis 

users walking at a self-selected speed [315, 316]. The objective for applying the different 

representative prosthetic loading values was to evaluate the relationships between predicted 

internal tissue strain and interface pressure loading at the selected ROI and ultimately to 

provide training data to build surrogate models for residuum tissue damage risk evaluation 

for the interface actuation controller. 

The quasi-static loads applied represented the heel strike (load acceptance), foot flat, mid 

stance, heel off and toe off stages of the stance phase of gait and were estimated from the 

waveforms of the load cell data shown in Figure 4.2. Studies have reported a theoretical 

relationship between residual limb extension-flexion moments and the different stages of 

stance for transtibial prostheses whereby, around mid-stance there generally exists only a 

compressive ground reaction force and close to zero moments [313, 317, 318]. The loads 

were applied across a circular region of nodes at the base of the socket whilst the model was 

constrained at the proximal cut surface of the femur and the quadriceps tendon as illustrated 

in Figure 4.1.  

 
Table 4.2. Three loading data sets identified from literature for unilateral transtibial prosthesis users 

for five stages of gait representing heel-strike, foot flat, mid stance, heel off and toe-off.  

Reference Load 
Heel 

Strike 
(HS) 

Foot Flat 
(FF) 

Mid 
Stance 
(MS) 

Heel Off 
(HO) 

Toe Off 
(TO) 

Koehler 2014 
[315] 
 

% stance 15 24 41 64 80 
Fx (N) 89.1 83.5 54.9 -28.4 -93.8 
My (Nm) 6.4 3.4 -3.8 -36.5 -58.3 
Fz (N) 716.8 792.9 791.9 795.7 924.8 

Neumann 2013, S2 
[316] 
 

% stance 15 20 27 54 69 
Fx (N) 39.3 1.5 -0.5 -3.1 -91.3 
My (Nm) 18.2 15.4 -0.1 -52.3 -87.5 
Fz (N) 785.1 892.3 942.9 830.8 1029.2 

Neumann 2013, S3 
[316] 
 

% stance 20 23 26 55 66 
Fx (N) 3.1 -1.5 -40.6 -6.2 -107.5 
My (Nm) 15.2 12.3 -0.1 -47.7 -57.0 
Fz (N) 590.2 676.9 726.5 661.5 772.6 
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Figure 4.2. Applied forces and moments identified from literature and normalised by body 
weight.  

(Adapted from [315, 316]) 
 

Model outputs 

Following deformation resulting from the loading described above, pressure on the residuum 

surface and the internal compressive and shear strains within the soft tissue at the three ROI 

were extracted from the model. The actuator locations (see Figure 4.1) were defined as 

circular zones of radii 45mm, 30mm, and 30mm at the skin-liner interface surface for the 
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PCALF, PT, and DT regions, respectively. Hemispherical zones of the same radii in the soft 

tissue under the actuator locations were defined for extraction of internal strain. For each of 

the three limb regions as well as across the whole residuum, as illustrated in Figure 4.3, 95th 

percentile estimations of the pressure and internal strains were extracted. The 95th percentile 

estimations were used over mean or peak values because they represent high values of 

pressure and strain, which may cause damage and discomfort, while eliminating single-node 

concentrations that may occur in the model as artefacts of loading. The minimum principal 

logarithmic strain, ε3, was extracted for compression. By assuming the residuum tissue as a 

continuum body, the shear strain, γmax, was computed from the maximum and minimum 

principal logarithmic strains (4.2) using Mohr’s circle concept for a general 3D case of 

strains [319].  

γmax. = 
ε1 − ε3

2
   

(4.2) 

where ε1 and ε3 are the maximum and minimum principal logarithmic strains, respectively.  

 

 

Figure 4.3. Anatomical reference key of the residual limb on exemplar simulation outputs. 
(A) Full field interface pressure. (B) Plane section view along tibia axis showing the 

internal soft tissue compression.  
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4.2 Results 

4.2.1 Varying local prosthetic liner stiffness across actuator locations 

For the factorial design study varying the local liner stiffness across the three actuator 

locations, the heel strike loading case from Koehler et al. 2014 [315] was applied (Table 

4.2). Figure 4.4 shows the variations in local tissue compression and interface pressure when 

the local liner stiffness at all three actuator locations was changed at the same time, with the 

rest of the liner kept at 380kPa. Compared to predictions with a baseline local liner stiffness 

of 380kPa, the largest changes in local tissue strain and pressure were observed at the DT 

region. With the lower stiffness setting, the strain at the DT was lower by 1.8% and the 

pressure by 14.1kPa. Changes of <1% strain and <1kPa pressure were predicted for the other 

two ROI.  

 

 

Figure 4.4. Variations in local tissue compression and interface pressure with changes in 
local liner stiffness at the three actuator locations at the same time, with the rest of the liner 

kept at 380kPa.   

 

Figure 4.5 shows the variations in local tissue compression and interface pressure at the 

PCALF region when the local liner stiffnesses at the DT and PT actuator locations were 

changed one at a time. The strain and pressure at the PCALF were observed to be mostly 

affected by liner stiffness changes at the DT and PT locations, respectively. Relative to 

values predicted with a baseline local liner stiffness of 380kPa at all the ROI, absolute 

changes in strain and pressure ranged from 0.05% – 0.41% and 0.01kPa – 0.11kPa, 

respectively. The median was 0.16% strain and 0.03kPa pressure. Similarly, for a baseline 
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of 200kPa the absolute changes ranged from 0.09% – 0.58% for strain and 0.07kPa – 0.15kPa 

for pressure, and likewise, 0.03% – 0.64% and 0.01kPa – 0.14kPa, respectively, for a 

baseline of 500kPa.  

Additionally, changing the local liner stiffness at the DT and PT actuator locations at the 

same time resulted in average absolute changes of 0.3% strain and 0.1kPa pressure for a 

baseline of 380kPa.  

 

 

Figure 4.5. Changes in compressive strain and interface pressure at the PCALF region with 
local liner stiffness alternated between 200kPa and 500kPa at the DT and PT actuator 

locations, one at a time.  
The baseline local liner stiffness was 380kPa at all the ROI. 

 

For the DT location, the compressive strain and interface pressure were observed to be 

mostly affected by liner stiffness changes at the PCALF location. Figure 4.6 shows the 

variations in local compression and interface pressure at the DT region when the local liner 

stiffnesses at the PCALF and PT actuator locations were changed one at a time. In relation 

to predictions with a baseline local liner stiffness of 380kPa at all the ROI, absolute changes 

in strain and pressure ranged from 0.18% – 0.67% and 0.17kPa – 1.31kPa, and the median 

was 0.20% and 0.43kPa, respectively. For a baseline of 200kPa the absolute changes ranged 

from 0.21% – 0.51% for strain and 0.13kPa – 0.89kPa for pressure, and similarly, 0.05% – 

1.09% and 0.13kPa – 0.94kPa, respectively, for a baseline of 500kPa.  
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Also, changing the local liner stiffness at the PCALF and PT actuator locations at the same 

time resulted in average absolute changes of 0.4% strain and 0.7kPa pressure for a baseline 

of 380kPa.  

 

Figure 4.6. Changes in strain and interface pressure at the DT region with local liner 
stiffness alternated between 200kPa and 500kPa at the PCALF and PT actuator locations, 

one at a time.  
The baseline local liner stiffness was 380kPa at all the ROI. 

 

Lastly, the variations in local tissue compression and interface pressure at the PT region 

when the local liner stiffnesses at the DT and PCALF actuator locations were changed one 

at a time are shown in Figure 4.7. The strain and pressure were observed to be mostly 

affected by changes in liner stiffness at the DT location. Compared to predictions with a 

baseline local liner stiffness of 380kPa at all the ROI, absolute changes in strain and pressure 

ranged from 0.04% – 0.46% and 0.27Pa – 0.39kPa, and the median was 0.17% and 0.07kPa, 

respectively. Also, for a baseline of 200kPa the absolute changes ranged from 0.01% – 

0.71% for strain and 0.04kPa – 0.48kPa for pressure, and correspondingly, 0.02% – 0.78% 

and 3.78Pa – 0.54kPa, respectively, for a baseline of 500kPa.  

In addition, changing the local liner stiffness at the PCALF and PT actuator locations at the 

same time resulted in average absolute changes of 0.4% strain and 0.3kPa pressure for a 

baseline of 380kPa.  
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Figure 4.7. Changes in strain and interface pressure at the PT region with local liner 

stiffness alternated between 200kPa and 500kPa at the DT and PCALF actuator locations, 
one at a time.  

The baseline local liner stiffness was 380kPa at all the ROI.  
 

In general, the results of this study showed that all cross-effects of localised liner stiffness 

changes at the selected three actuator locations were small, <2% in strain and <2kPa for 

residuum interface pressure.  

 

4.2.2 Application of different loading cases to determine the interface loading vs. 

tissue strain relationships at actuator locations   

For this study, the liner stiffness was kept constant over the full residuum surface and the 

loading cases outlined in Table 4.2 were applied to the model to assess the changes in the 

predicted interface pressure and tissue strain at each of the ROI. The interface pressure-tissue 

strain relationships with variation of applied load were examined to create surrogate models 

for residuum tissue injury risk assessment for the interface actuation control system.  

The estimated pressure at the residuum interface ranged from 25.5 – 155.1kPa, 54.9 – 

112.1kPa and 42.3 – 116.1kPa at the DT, PCALF and PT regions, respectively. The 

compressive strain in the residuum tissue ranged between 40.7 – 81.2%, 56.3 – 85.3% and 

47.4 – 72.2% for the DT, PCALF and PT regions, respectively, while the shear strain was 

between 6.1 – 15.1%, 7.7 – 17.1% and 4.6 – 9%, respectively. As shown in Figure 4.8, 

throughout the different stages of stance, variations in the interface pressure and compressive 

strain estimates due to changes in load were observed to be consistent across the loading 

cases.  
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Figure 4.8. Interface pressure (left solid axis) and residuum tissue logarithmic compressive 
strain (right dashed axis) variation with loading.  

 

Figure 4.9 shows the predicted distributions of compressive strain in the residuum tissue on 

a sagittal plane section view through the tibia, and residuum interface pressure for the five 

stages of stance, for one loading case - Koehler 2014. During heel strike to mid stance, the 

areas of high compressive strain were the lateral femoral epicondyle, fibula head, tibial 

tuberosity and the anterior distal tibia. For the heel off and toe off stages (push-off), the 

compressive strain was concentrated at the patella tendon, the patella and the tibia distal tip. 

Areas of high interfacial pressure were the tibial tuberosity, anterior distal tibia, proximal 

posterior calf close to the popliteal fossa and the fibula head during heel strike to mid stance, 

and the patella, patella tendon, central posterior calf and fibula head during push-off.  

Histograms showing the distribution of compressive strain, interface pressure and shear 

strain throughout the entire residuum tissue for the heel strike, mid stance and toe off gait 

events for the Koehler 2014 loading case are presented in Figure A2. 1 – Figure A2. 3 (see 

Appendix B). The 95th percentile elemental integration point compressive strain, residuum 

interface pressure and shear strain data was estimated to be 62.2%, 57.8kPa and 8.5%, 

respectively, during heel strike, below 65%, 56.5kPa and 7.9% at mid stance, and below 

74.4%, 65.3kPa and 10.6% for toe off.  
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Figure 4.9. Sagittal plane section views through the tibia showing the internal residuum 

compressive strain, and the full field residuum interface pressure estimates during five key 
stages of stance for the Koehler 2014 loading case.   

 

Regression analysis of the relationships between the residuum interface pressure and 

compressive tissue strain, showed a linear relationship with an R2 value of 0.9 at the PCALF 

region, as shown in Figure 4.10 below. There are more complex, nonlinear relationships at 

the DT and PT regions, as illustrated in Figure 4.10 and Figure 4.11.  

The predicted compressive and shear strains in the residual limb tissue at the DT region were 

observed to be highest around the load-acceptance and push-off stages of the gait cycle. For 

the PCALF and PT regions, the compressive and shear strains increased from heel strike to 

toe off.  
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Figure 4.10. Interface pressure vs. residuum tissue strain relationships at the PCALF 
location (TOP) and DT location (BOTTOM), showing combined results for all the three 

loading cases.  
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Figure 4.11. Interface pressure vs. residuum tissue strain relationships at the PT location, 

showing combined results for all the three loading cases.  

 

4.3 Discussion  

A conceptual structure for a transtibial prosthetic socket system involving active interface 

actuation, integrated with evaluation of expected internal tissue strain against an established 

injury risk threshold, was briefly described above. In this chapter, FEA of a transtibial 

residuum model was used to provide biomechanical output predictions of internal tissue 

strain and interface pressure with prosthetic loading. These outputs were evaluated to firstly 

investigate sensitivity of selected actuator zones to changes in local liner stiffness 

individually and between locations to inform controller architecture configuration. 

Secondly, the relationships between the predicted biomechanical measures at the actuator 

locations were examined to provide some input data for creating surrogate models for 

residuum tissue injury risk assessment for interface actuation control simulation.  
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4.3.1 Liner stiffness sensitivity analysis  

For the PCALF and PT actuator locations, changes in local liner stiffness had negligible 

effects on both tissue compressive strain and interfacial pressure. For the DT location, the 

predicted increase in interfacial pressure with liner stiffness was consistent with findings in 

literature [141, 223]. An additional finding of this study was that increase in liner stiffness 

also results in an increase in compressive strain of the soft tissues, which is as would be 

excepted since as the liner deflects less, then the soft tissue moves instead.  

Analysis of the factorial design study based on estimations of compressive soft tissue strain, 

the main indicator for DTI in this work, showed little interaction overall between the actuator 

regions, with maximum changes of <2% in strain at any one ROI for changes of local liner 

stiffness between 200kPa and 500kPa at the other two locations. Based on the uncertainty 

bounds of the strain injury threshold curve proposed by Gefen et al. of up to ±9% [44], these 

cross-effects between the selected ROI due to localised liner stiffness changes can be 

considered minimal. This also suggests that it may be appropriate to use an uncoupled 

controller structure for the interface actuation.  

 

4.3.2 Interface loading vs. tissue strain relationships at actuator locations 

Firstly, throughout the different stages of stance simulated, variations in the residuum 

interface pressure and compressive tissue strain estimates with load were observed to be 

consistent across the three loading cases applied. Moreover, comparable to related studies 

[30, 97, 313, 320], the distal anterior and proximal posterior parts of the residual limb were 

predicted to be loaded around the heel strike event and unloaded around toe off as a result 

of socket flexion and extension moments. The opposite loading trend was predicted at the 

proximal anterior and distal posterior locations.  

For the applied loading, the predicted peak interface pressures in this study were 155kPa, 

112kPa and 116kPa at the DT, PCALF and PT regions, respectively (see Figure 4.8). These 

values are comparable to previous findings from dynamic clinical measurement studies with 

TSB sockets with reported peak pressures of 87 – 220kPa at the anterior mid-limb [64, 132], 

90kPa posterior [99], and 155 – 275kPa anterior lateral and medial [123, 125] regions of the 

residuum. Specifically, Eshraghi et al. [132] reported peak interfacial pressure of 220kPa at 

the anterior mid-limb during heel strike for level walking at self-selected speed. These results 

are also consistent with interface pressure values reported from other FEA studies where 
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peak pressures of 201.5 and 240kPa were predicted at the residuum tip for maximum axial 

static loading of 800N and 940N, respectively [142, 143].  

Estimated peak compressive strains on the residuum soft tissue were 81.2%, 85.3% and 

72.2% at the DT, PCALF and PT regions, respectively (see Figure 4.8). Previous FEA 

studies have reported 85%, 73.3% and 110% compression predicted at the distal tibia tip and 

bony prominences for 491N [95] and approximately 314N TTA [165], and 449N (HBW) 

TFA [224], respectively, for axial, static load-bearing. For the loading cases applied here, 

estimated shear strain in the residuum tissue peaked at 15.1%, 17.1% and 9% at the DT, 

PCALF and PT regions, respectively. In the literature, maximum shear strain estimates of 

106% [95], 14.9% [165] and 30% [321] have been reported at the tibia tip. There is 

recognised inconsistency in FEA predictions across studies attributed to differences in model 

structures and level of sophistication, material properties, loading regimes, and the methods 

applied for evaluating model outputs [138, 214].   

Numerous previous studies have quantified prosthesis-limb normal interface pressures (25 – 

320kPa measured and 30 – 961kPa from FEA) and shear stresses (1.9 – 61kPa measured and 

28 – 463kPa from FEA) in efforts to optimise lower limb prosthetic socket design for user 

comfort and the quality of socket fit (Table 2.1 and Table 2.2). A significant finding of the 

current study is that relatively low interface pressures, 27 – 55kPa, can result in large local 

internal compressive strains, above 50%, indicating theoretical DTI risk for continuous 

weight-bearing for periods longer than 1hr, i.e. the short-time strain endurance for muscle 

cell death (see Figure 2.29) [44, 165]. Correspondingly, a different study investigating the 

aetiology of pressure sores for permanent wheelchair users reported peak interface pressures 

of 17kPa under the ischial tuberosity of the gluteus and corresponding peak compressive 

strain of 74 ± 7% in the gluteus muscle [235]. This observation is particularly important for 

prosthetic socket fitting for users suffering some level of peripheral neuro-deficiency due to 

vascular diseases, who may lack adequate sensorial alert to onset of pressure ulcers and DTI.  

Lastly, from regression analysis of the relationships between the interface pressure and 

compressive tissue strain (see Figure 4.10 and Figure 4.11), a linear relationship was 

observed at the PCALF region, with an R2 value of 0.9. However, there were more complex, 

nonlinear relationships at the DT and patellar tendon regions, postulated to be due to the 

press-fitted contact conditions between the socket and limb, as well as more bony presence 

at these two locations.  
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4.3.3 Surrogate models for residuum tissue damage risk estimation  

The internal compressive tissue strain and residuum interface loading estimates and 

regression analysis relationships described above were recorded and used to create surrogate 

models for each actuator location for the tissue injury risk protocol within the adaptive socket 

system. A linear function (4.3) relating compressive tissue strain and interface pressure was 

applied for the PCALF location of the residuum. A look-up table approach (see Table A2. 

1) was used for the DT and PT locations.  

 

P = 0.205ε3 − 0.061  

(4.3) 
where P = Residuum interface pressure; ε3 = Residuum tissue compressive strain  

Residuum soft tissue damage risk due to interface pressure loading was estimated using a 

model developed in the MATLAB® environment, applying the surrogate models generated 

from this FE analysis and the strain injury threshold developed by Gefen et al. [44]. The safe 

pressures at the residuum interface for each of the three actuator locations were produced 

from this tissue injury risk estimation protocol and were the targets for the interface actuation 

controller, detailed in Chapter 5. Furthermore, estimates of localised interface pressure-time 

injury risk thresholds for the three ROI for loaded transtibial residua were also generated 

(see Section 5.3). However, it is noted that the strain injury threshold curve used is based on 

additional input data and slightly different conditions from those applied in the FE model 

herein, and generalisability of the interfacial pressure injury thresholds is low, at present. 

Additional larger cohort studies on representative locations are required to address this 

limitation.  

 

4.3.4 Limitations  

Limitations of this study include use of quasi-static loading at several stages of the stance 

gait phase as opposed to a fully dynamic analysis. This initial evaluation involved loading 

cases for slow self-selected walking speeds and only the stance phase of gait, so a simpler 

analysis was considered appropriate. The FEA predictions were consistent with clinical 

biomechanics measurements, but a second key limitation is that a limited set of training 

prosthetic loading cases were applied. In an extension of this work, testing a wider range of 

local liner stiffness values for the actuator sensitivity study, and incorporation of additional 
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loading scenarios in the FE analysis would contribute to more robust cross-talk examination 

and surrogate models for the DTI risk evaluation, respectively.  

Additionally, the FE analysis was based on an individual model, rather than a generalised 

case, and some form of calibration would be needed to match socket-actuator setups to 

different persons.  This might be done by considering additional assessments based on linear 

ultrasound measurements [286] of soft tissue coverage thickness over bone at key residual 

limb locations, and perhaps corresponding MRI and ultrasound elastography [287, 288, 322, 

323] or indenter measurement studies characterising tissue compliance [289]. Inter-person 

variability, as well as reduction of computation cost, may also be accommodated by an 

extension, for example, of the population-driven PCA-Kriging surrogate modelling methods 

presented by Steer et al. for prediction of new residuum morphologies and the effects on 

socket-limb interfacial stresses and sub-dermal residuum tissue strains [306]. 

The residuum/prosthetic system is highly complex and several numerical material models 

have been proposed to represent the biomechanical response of the residuum soft tissues 

(Section 2.5.2). Therefore, it is important to define individual study objectives to establish 

required precision for application, and to simplify models based on the critical tissue 

properties necessary for reliable predictions, weighing essential trade-offs between 

computational complexity and effectiveness. Based on the declared objectives of the present 

study, the modelling simplifications and assumptions that limit the extrapolation of the 

predictions obtained included neglecting viscoelasticity effects, anisotropy, non-

homogeneity, or segmentation of distinct muscular compartments of the soft tissues, and 

implementation of a bonded skin-liner interface. An extension of this work particularly 

comparing the effects of different material models, multi-layered models with distinct tissue 

layers or discrete muscle sets [245, 246], residuum interface boundary conditions taking into 

account the influence of temperature and humidity [19, 170, 173, 251, 252], tissue adaptation 

and stiffening under long-term loading [216], and ischemic damage in the tissue [47, 48, 

215], would be useful for defining more detailed pressure-strain input data capturing 

individual variability in tissue biomechanical response to loading, for interface actuation 

control for prosthetic usage in several scenarios.      

Despite limited biofidelity of the model, predictions were comparable to previous studies 

such as to provide sound theoretical comparisons of local tissue strain and interface pressure, 

and absolute magnitudes changes.  
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4.4 Summary   

This chapter describes the use of an existing 3D FEA model to estimate the internal strain of 

residuum soft tissues and in situ socket-limb interface pressure at three discrete anatomical 

locations of the residual limb. The predicted local internal tissue compression and shear 

strain measures were evaluated and recorded against the predicted interface pressures.  From 

the pressure-compression estimates, surrogate models were created for each of the actuation 

locations, for tissue injury risk evaluation within the adaptive socket framework.  

The work presented in this chapter provides biomechanical rationale and training data for 

tissue injury risk prediction for determining socket interface actuation control targets, 

discussed in the next chapter. A design of experiments study showed minimal predicted 

cross-talk between the selected actuator sites. This indicates that it may be appropriate to use 

an uncoupled controller configuration for the interface actuation. In addition, the consistency 

in the trends of local interface pressure and tissue strain estimates across the applied loading 

cases provides some confidence in the regularity of the feed-forward signal of future target 

information during ambulation, thereby possibly facilitating consistency in performance 

index variables and controller optimisation for future implementations.  

Another important contribution of clinical relevance is that this study extends the evidence 

that interface loading alone is not a sufficient indicator of soft tissue injury risk or damage 

thresholds, because comparatively low pressure values can cause large internal local 

compressive strains in the residuum tissue, especially at bony prominences.  
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Chapter 5 Generalised Predictive Control for Adaptive 

Prosthetic Socket Interface Actuation based on DTI 

Risk Minimisation 

This chapter details the simulation of the control structure employed for the described 

adaptive socket including residuum tissue injury risk evaluation utilising the data obtained 

from the FEA results discussed in the preceding chapter, and injury risk minimisation by 

interface actuation control using Generalised Predicted Control (GPC) to maintain the 

loading on the residuum surface within safe and functional limits. A comparison of controller 

performance was carried out for the three actuation techniques described in Chapter 3, for 

the selected residuum ROI.  

Following from Section 2.6, the GPC technique was chosen for application in this work 

owing to the following benefits:  

 

1. It provides the ability to reduce the variance of the control output relative to control 

increments by application of a weighting constant and minimisation of a defined cost 

function.    

2. The cost function allows for balancing between adequate system sensitivity and the 

aggressiveness of the control action.  

3. It allows for easy numerical implementation for computer simulation and testing.   

4. It allows for implicit and systematic feeding forward of future target information.  

5. It intrinsically and easily handles dead-times and MIMO system interactions without 

extensive modification. 

6. It allows for explicit incorporation of constraints, e.g. actuator input and output limits 

or the rate of actuator input.  

7. It is able to manage challenging system dynamics of high model order systems 

(greater than 2nd order) better than other control solutions. Weighting factors allow 

for ready adjustment of the cost function, to deal with uncertainty in system 

parameters in a general sense rather than relying only on specific limited plant 

information.  
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5.1 Overview of GPC  

The plant models for the interface actuators were implemented in transfer function form in 

the GPC algorithm. Specifically, the CARIMA (Controlled Auto Regressive and Integrated 

Moving Average) model form (5.1) is used, which is reported to represent majority of the 

variability in transfer function models and give unbiased predictions in the steady state, 

regardless of parameter uncertainty, by integration of a disturbance estimate term [269, 273].  

 a(z) yk = b(z) uk  + 
T(z)

Δ
ζk 

(5.1) 

where k is the current sample step, ζ is an unknown zero mean random variable, and T (z) 
Δ

ζk 

denotes a combined unknown disturbance term, dk, representing disturbances effects and 

measurement noise.  

Replacing equation (5.1) with its incremental form (5.2) relating outputs to control 

increments Δuk, allows for consistent bias-free predictions in the steady state (5.3) and choice 

to ignore the unknown zero mean term, ζk, assumed zero in future.    

 a(z)Δ(z) yk = b(z) Δuk 

(5.2) 

lim
k→∞

Δuk = Δuss = 0 

and  dk = dk-1 = 0,  ζk = 0 

(5.3) 

For ease of numerical implementation, matrix methods were used to derive the prediction 

equations.  

With A(z) = a(z)Δ(z)  and  Δ = 1− z-1 

 A(z) = 1 + A1z-1 + A2z-2 + … + Anz-n 

 b(z) = 𝑏𝑏1z-1 + b2z-2 + … + bnz-n 

(5.4) 
 

The Prediction Equation  

From (5.2) and (5.4) the one-step-ahead prediction equation for a SISO system is 
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yk+1 + A1yk + A2yk-1 + … + Anyk-n+1 = b1Δuk + b2Δuk-1 + … + bnΔuk-n+1 

(5.5) 

The one-step-ahead prediction (5.5) was used recursively to compute an n-steps ahead 

prediction. For example, for a prediction horizon of 4 samples ahead,  

yk+1 + A1yk + A2yk-1 + … + Anyk-n+1 = b1Δuk + b2Δuk-1 + … + bnΔuk-n+1 

yk+2 + A1yk+1 + A2yk + … + Anyk-n+2 = b1Δuk+1 + b2Δuk + … + bnΔuk-n+2 

yk+3 + A1yk+2 + A2yk+1 + … + Anyk-n+3 = b1Δuk+2 + b2Δuk+1 + … + bnΔuk-n+3 

yk+4 + A1yk+3 + A2yk+2 + … + Anyk-n+4 = b1Δuk+3 + b2Δuk+2 + … + bnΔuk-n+4 

Taking the above as simultaneous equations where the unknowns are the future outputs yk+1, 

yk+2, yk+3 and yk+4, and representing them in matrix form separating past and future variables, 

CA �

yk+1
yk+2
yk+3
yk+4

� + HA �

yk
yk-1

⋮
yk-n+1

� = Cb �

Δuk
Δuk+1
Δuk+2
Δuk+3

� + Hb �

Δuk-1
Δuk-2

⋮
Δuk-n+1

� 

(5.6) 

where  

CA = �

1 0 0 0
A1 1 0 0
A2 A1 1 0
A3 A2 A1 1

� HA = �

A1 A2 ⋯ An-4 An-3 ⋯ An-1 An
A2 A3 ⋯ An-3 An-2 ⋯ An 0
A3 A4 ⋯ An-2 An-1 ⋯ 0 0
A4 A5 ⋯ An-1 An ⋯ 0 0

� 

 

Cb = �

b1 0 0 0
b2 b1 0 0
b3 b2 b1 0
b4 b3 b2 b1

� Hb = �

b2 b3 ⋯ bn-4 bn-3 ⋯ bn-1 bn
b3 b4 ⋯ bn-3 bn-2 ⋯ bn 0
b4 b5 ⋯ bn-2 bn-1 ⋯ 0 0
b5 b6 ⋯ bn-1 bn ⋯ 0 0

� 

 

CA y→k+1 + HA y←k  = Cb Δu→k + Hb Δu←k-1 

(5.7) 
 

y→k+1 = CA
-1Cb Δu→k  +  CA

-1Hb Δu←k-1 − CA
-1HA y←k 

                          

Based on known 
measurements or past data 

Based on decision 
variables to be selected 

(future input increments) 
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Finally, if H, P and Q are the prediction matrices defined as:  

CA
-1Cb = H;       CA

-1Hb = P;      − CA
-1HA = Q 

 

 y→k+1 = H Δu→k + P Δu←k-1 + Q y←k 

(5.8) 
 

The Cost Function/Performance Index, J  

To facilitate numeric computation, only a subset of future input increments in (5.8) are 

selected and all the other values are assumed to be known, i.e. the input becomes fixed after 

a defined number of steps, nu, termed the degrees of freedom. The typical performance index 

for GPC is a 2-norm equation (5.9) including the sum of squares of predicted tracking errors 

over an output horizon, ny, and the sum of squares of control input increments over the input 

horizon, nu. Thus:  

 J = � ‖𝒓𝒓k+i − 𝒚𝒚k+i‖2 + λ � ‖Δuk+i‖2

nu

i=1

ny

i=1
 

(5.9) 

 J = � e→k+1
T  e→k+1

ny

k =1

+ λ � Δu→k
T  Δu→k

nu

k =1

          e→k+1 = r→k+1 − y→k+1 

(5.10) 

where ny is the output prediction horizon for capturing the main dynamics of the system, nu 

is the control horizon, i.e. number of control moves, r is a vector of reference or target values, 

y is a vector of predicted outputs, e is a vector of tracking errors, and λ is the control 

weighting constant. λ applies a penalty on the input deviation from the target or steady-state 

value or the rate of change of the input, i.e. on the control increments, Δuk and also expresses 

the relative importance of control increments compared to the tracking errors. Weighting the 

control increments by applying λ in the cost function J in (5.10) ensures system convergence 

to the desired steady state [274].  

From (5.9),  

 J = ��r→k+1
T − y→k+1

T �

ny

k =1

�r→k+1 − y→k+1� + λ � Δu→k
T Δu→k

nu

k =1

 

(5.11) 
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 J = � �r→k+1
T − �H Δu→k + P Δu←k-1 + Q y←k�T�

ny

k =1

�r→k+1

− �H Δu→k + P Δu←k-1 + Q y←k�� + λ � Δu→k
T Δu→k

nu

k =1

 

(5.12) 

 J = � �r→k+1
T − �P Δu←k-1 + Q y←k�T� �r→k+1 − �P Δu←k-1 + Q y←k�� + (H Δu→k)TH

ny

k =1

Δu→k − 2(H Δu→k)T�r→k+1 − �P Δu←k-1 + Q y←k�� + λ � Δu→k
T  Δu→k

nu

k =1

 

(5.13) 
 

The performance index J is optimised w.r.t future input increments Δu→k over the control 

horizon defined by nu.  

min
Δu→k

J ≡ min
Δu→k

[(H Δu→k)TH Δu→k − 2(H Δu→k)T[r→k+1 − P Δu←k-1 − Q 𝒚𝒚←k]

+ λΔu→k
T  Δu→k] 

(5.14) 
 

min
Δu→k

J ≡ min
Δu→k

 Δu→k
T �HTH + λI�Δu→k − �Δu→k

T � 2HT�r→k+1 − P Δu←k-1 − Q y←k� 

(5.15) 
 

min
Δu→k

J  ≡ grad J (Δu→k) = 0 

(5.16) 

grad J = 2�HTH + λI�Δu→k − 2HT�r→k+1 − P Δu←k-1 −  Q y←k� = 0 
(5.17) 

 

2�HTH + λI�Δu→k = 2HT�r→k+1 − P Δu←k-1 − Q y←k� 
 

Δu→k = �HTH + λI�
-1

HT�r→k+1 − P Δu←k-1 − Q y←k� 
(5.18) 
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This optimisation is carried out at each sampling step but only the first element, E1, in the 

future control increments vector Δu→k (the optimum input trajectory) is applied at each 

sampling instant. This first value defines the control law, Δuk.  

Δu→k≡ �

Δuk
Δuk+1

⋮
Δuk+nu-1

� 

 

Δuk = E1
TΔu→k ;          E1

T = [V, 0, 0,…, 0] 

(5.19) 
 

The GPC Control Law, Δuk  

The control input is determined at each step by: 

Δuk = E1
T�HTH + λI�

-1
HT�r→k+1 − P Δu←k-1 − Q y←k� 

(5.20) 

Letting  

E1
T�HTH + λI�

-1
HT = L;        LP = D;        LQ = N 

 

Δuk = Lr→k+1 − D Δu←k-1 − N y←k 
(5.21) 

 

Δuk = �L1,L2,⋯,Lny� r→k+1 − �D1,D2,⋯,Dnb-1�Δu←k-1 − �N0,N1,⋯,Nna�y←k  
(5.22) 

 

The dimensions of D and N in (5.21) are linked to those of P and Q in (5.8) and (5.20) 

derived from the plant model transfer function 
b (z) 
a (z)

 . The GPC control law in transfer 

function form for closed-loop analysis is obtained by rewriting (5.22) in difference equation 

form. Figure 5.1 illustrates the closed-loop controller structure in block diagram form.  

 

Δuk = �L1z + L2z2 + … + Lnyz
ny� rk − �D1z-1 + D2z-2 + … + Dnb-1z-nb+1�Δuk

− �N0 + N1z-1 + N2z-2 + … + Nnaz-na� yk 
(5.23) 
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�1 + D1z-1 + D2z-2 + … + Dnb-1z-nb+1�Δuk = �L1z + L2z2 + … + Lnyz
ny� rk

− �N0 + N1z-1 + N2z-2 + … + Nnaz-na� yk 
 

D(z)Δuk = L(z)rk − N(z)yk   uk = [D(z)Δ(z)]-1[L(z)rk − N(z)yk] 
(5.24) 

 

 
Figure 5.1. The GPC control law in block diagram form for closed loop analysis.  

 

In Figure 5.1, the controller gain, K and the plant compensator gain, G are defined as  

K = 
N

DΔ
       G = 

b
a
 

The transfer function relating the target r to the output y is  

y = 
G

DΔ
1 + G N

DΔ
Lr = 

b
DΔa + bN

Lr 

(5.25) 
 

The Feedforward Information, r→k+1  

The general GPC control law (5.21), (5.22) includes all future target information up to ny 

sample-steps ahead. However, this can sometimes lead to poor performance if key control 

target changes are not covered within the degrees of freedom of the cost function 

optimisation, nu. Therefore, GPC allows for use of a smaller, more useful, user selected set 

(na) of advance steps for better tracking performance [269]. The best value of na is selected 

by trial and error and is recommended to be about the same as the control input horizon, nu, 

but much less than the output prediction horizon, ny [273].  

nu ≤ na < ny 

(5.26) 

u 

-  
+ 

r L (z) 
1

D(z)Δ(z)
 G 

  

N (z) 

  

y 



Chapter 5 

116 

5.2 Methodology  

For initial simulation of the adaptive socket control system, the input gait interface pressure 

loading waveforms, Figure 5.2 – corresponding to the forces and moments across the socket-

tibia-knee joint construct, were derived from the ISO standard axial force versus time profile 

for testing total knee-joint implant prostheses [324] (see Figure A3. 1 in Appendix C) using 

FEA. The durations of the stance and swing gait phases were determined from the stance 

time, 0.72 seconds, reported for persons with unilateral transtibial amputation in relevant 

biomechanics studies in the literature [320]. The input signal sampling rate was 50 Hz, in 

order to preserve at least up to 99% of the signal power of gait (~15 Hz) while avoiding 

aliasing [285]. For the physical system, a low-pass filter may be applied to adequately 

eliminate the effects of noise and for greater level of accuracy [284].  

As described in Chapter 4, surrogate models were created for the three actuator locations 

from the FEA results and regression analysis relationships relating the pressure on the 

residuum-socket interface and the compressive tissue strain. A linear function (4.3) was 

applied for the PCALF location, whereas look-up table blocks (see Table A2. 1 in Appendix 

B) were constructed for the DT and PT locations. As illustrated in Figure 5.3, residuum soft 

tissue injury risk due to loading was estimated by implementation of the surrogate models 

generated from the FE analysis, and a dynamic saturation block model developed in the 

MATLAB®-based Simulink environment that incorporated the tissue strain injury threshold 

curve published by Gefen et al. [44].  
 

 
Figure 5.2. Standard gait input waveforms for the three actuator locations.  
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Figure 5.3. Tissue damage risk estimation model for the PCALF region (TOP) and the DT 
and PT regions (BOTTOM), developed in the MATLAB®-based Simulink environment.   

 

The look-up table blocks generated output estimates based on the input values using cubic 

spline interpolation and extrapolation with binary index searching applied between 

breakpoints for output smoothness and computational efficiency. The dynamic saturation 

block model bound the range of the input signal to upper and lower limits, such that input 

below the lower bound was set to the lower limit value and input above the upper bound was 

set to the upper limit value. The strain injury threshold defined by Gefen et al. [44]was 

applied as the upper bound, while the predicted strain upon socket donning determined the 

lower bound. The desired safe pressures at the residuum interface for each actuator location 

were generated from this tissue injury risk estimation protocol and were the inputs for the 

GPC algorithm – hereafter referred to as safe target pressures.  

The plant models of the three interface actuation insert types described in Chapter 3 were 

designed in the Simulink environment, using their respective representative parameter values 

and governing equations. These actuator models were linearised, where necessary, and 

converted into CARIMA model discrete time transfer functions of the form outlined in (5.2) 

for application within the GPC algorithm. The linear analysis tool and several functions in 

Posterior calf location 

Distal tibia and Patella tendon locations  



Chapter 5 

118 

MATLAB® were utilised to obtain the discrete time transfer functions, G = b (z) 
a (z) , (5.27) – 

(5.29) and the CARIMA models (5.30) – (5.32) for each actuator type.    

 

G1(z-1)= 621.9 + 1.074e06z-1

1 + 621.9z-1 + 1.074e06z-2       for the plunger-type insert  
(5.27) 

G2(z-1)= 1000z-1

1 + 1000z-1       for the fluid bladder insert, and  
(5.28) 

G3(z-1)= 1.316e04z-1

1 + 1000z-1        for the EAP insert.   
(5.29) 

Dividing through (5.27), (5.28), and (5.29) by the largest coefficients of their denominators, 
the coefficients for a and b in (5.2) are thus:  

 

a1 = [1 0.0006 0.000001] and b1 = [1 0.0006] for the plunger-type insert. 
(5.30) 

a2 = [1 0.001] and b2 = [1] for the fluid bladder insert, and 
(5.31) 

a3 = [1 0.001] and b3 = [13.16] for the EAP insert. 
(5.32) 

The control algorithm was initialised at the pressure expected upon socket donning, i.e. 17.2 

kPa, 7.8 kPa, and 13.5 kPa for the PCALF, DT, and PT regions, respectively (see Figure 

4.10 and Figure 4.11), and the output sampling time was 15 seconds. The first set of tests 

performed were to assess the feasibility and performance of GPC for the proposed interface 

actuator models for a standard gait input waveform. GPC model tuning for tissue injury risk 

minimisation was carried out to meet preliminary control design goals of fast rise time and 

no overshoot of the interface actuation pressure. This optimisation was accomplished by 

examining the influence of the control weighting constant, λ, for satisfactory control 

performance without over-aggressive actuation. The value of the output prediction horizon 

ny was chosen to be between 30 – 100 minutes, i.e 120 – 400 sample steps (ss) – the short 

loading exposure period after which there is notable decrease in muscle tissue compressive 

strain endurance, as indicated in Figure 2.29. The endurance limits for early and delayed 

onset tissue damage due to large compressive strains are defined as within 0 – 63±37 minutes 

and 176 – 285±55 minutes, respectively [44]. 

Suitable values of nu and na were determined by experiment through control performance 

evaluation (see Section 5.2.1). ny serves as the prediction horizon for the general dynamics 
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in future target information, while na allows for identification of key imminent control target 

changes not covered within the control horizon nu. In designing for target tracking and 

control optimisation with GPC, an increase in λ demands increase in nu that in-turn may 

require an increase in na and/or ny. Some preliminary work and analysis was first carried out 

to indicate the variation range and increment steps for λ and the corresponding values of ny, 

na and nu to be applied for each ROI and actuator type for actuation control optimisation, 

and formal controller performance evaluations and comparisons. Large values of the output 

prediction horizon ny and feedforward term na resulted in increased output deviation from 

the target, whereas large values of the control horizon nu resulted in finer control moves per 

step and faster actuation. It was expected that the values of ny, na and nu should be different 

between the ROI and actuator types due to distinct interface pressure-strain relationships and 

differing actuator dynamics as described in the preceding two chapters, as well as between 

different locomotive modes. Additionally, explicit output constraints were considered for 

preventing overshoot beyond the estimated safe target pressures, and for retaining prosthetic 

limb suspension by maintenance of interface actuation pressure at equal or above the 

magnitude upon socket donning.  

A second set of tests was carried out to examine the efficacy and performance of GPC for 

the different actuators for a demonstrative loading sequence of some typical activities of 

daily living (ADL) that might be performed by an active prosthetic user, K3 or K4 Medicare 

Functional Classification Level [325]. These actions, outlined in Table 5.1, included donning 

the prosthesis, sitting for 30 minutes, standing for 15 minutes, taking a 45-minute walk at a 

comfortable self-selected pace, and finally sitting again for 30 minutes. The user was 

considered to be a person with a unilateral transtibial amputation weighing approximately 

90kg [315]. The output prediction horizon ny was selected between 15 – 30 minutes (i.e. 60 

– 120 sample steps).  

Table 5.1. Load descriptions and durations applied for a demonstrative loading sequence of 
ADL likely to be carried out by active prosthesis users (K3 or K4 level).  

 Sequence Load description Duration 
(minutes) 

1 Sitting Donning load 30 

2 Standing HBW – double leg support 
[315] 15 

3 Walking Standard ambulation signal 
waveform [324] 45 

4 Sitting Donning load 30 
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5.2.1 Performance Measures   

The performance of GPC for interface actuation within estimated safe levels for the proposed 

adaptive prosthetic socket system was evaluated based on peak actuation rates, peak pressure 

change magnitudes, actuation rise time to reach 90% of the target value immediately after 

initialisation and input signal change, and maximum overshoot beyond the estimated safe 

target pressure levels. For the second set of tests with a demonstrative operational sequence, 

the maximum error in tracking the target interface pressure was also examined, particularly 

for the transitions to standing and seated scenarios. Desirable control action was defined as 

that which minimises overall pressure magnitudes, actuation rates and actuation pressure 

changes in order to minimise mechanical tissue strain injury risk, reduce the overall power 

consumption of the system, and in case large, fast actuations might cause discomfort to the 

user.  

 

5.3 Results  

An input pressure signal of 600kPa, about twice the maximum interface pressure value 

predicted for standard gait (see Figure 5.2), was applied to generate estimated interface 

pressure-time safety thresholds for all ROI from the tissue injury risk estimation protocol. 

The estimated pressure safety limits to avoid early onset of tissue damage were 54.8 – 51.3 

(± 10.8) kPa, 68.4 – 57.6 (± 4.1) kPa, and 50.8 – 49.1 (± 4) kPa at the PCALF, DT and PT 

regions, respectively. The longer term limits for delayed onset were 27.6 – 24.4 (± 12.5) kPa, 

24.5 – 27.2 (± 7.8) kPa and 38.6 – 37.1 (± 5.9) kPa, respectively.   

At the tissue injury risk estimation stage where the interface pressure-strain surrogate models 

were applied – and from which the GPC safe target pressures were generated, the raw 

standard gait input pressure signals (see Figure 5.2) resulted in estimated pressures that were 

above and below the pressure-time safety thresholds for the first approximately 115 and 95 

minutes and entirely above the thresholds after this time for the PCALF and PT locations, 

respectively. For the DT location, the resulting estimated pressure values from the raw 

standard gait input signal where above the pressure-time safety threshold for the entire 5 

hour (300 minutes) period, hence the difference in the GPC safe target pressure profiles 

between the three ROI, as shown in Figure 5.4 – Figure 5.6. Also, due to close resemblance 

in the pressure safety thresholds and GPC safe target pressure profiles at the PCALF and PT 

regions, their GPC optimisation parameters ny, nu and na were nearly similar, as shown in 

the plots in the following two sections.  
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Figure 5.4. Estimated interface pressure safety threshold, and GPC safe target pressure plots for a 

standard continous ambulation waveform at the PCALF location.  
 

 
Figure 5.5. Estimated interface pressure safety threshold, and GPC safe target pressure plots for a 

standard continous ambulation waveform at the DT location.  
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Figure 5.6. Estimated interface pressure safety threshold, and GPC safe target pressure plots for a 

standard continous ambulation waveform at the PT location.  
 

5.3.1 Testing the feasibility and performance of GPC for a standard continuous 

ambulation waveform  

Output initial conditions were the socket donning pressures expected at the selected 

anatomical locations of the residuum, i.e. 17.2 kPa, 7.8 kPa and 13.5 kPa for the PCALF, 

DT and PT regions, respectively. Tuning was carried out to meet preliminary design goals 

of fast rise time and no overshoot of the interface actuation pressure by examining the 

influence of the control weighting constant, λ, for satisfactory control performance for a 

standard gait input waveform without overly aggressive actuation to ensure comfort.  

 

Plunger-Type Socket Insert Actuator 

The GPC output performance for a plunger-type actuator for different values of λ for the 

PCALF region is presented in Figure 5.7 and Figure 5.8. The peak oscillation amplitudes 

and actuation rates ranged from 0.50 – 14.29 kPa and 0.03 – 0.95 kPa/s for 0.01 ≤ λ ≤ 100. 

The larger the value of λ, the slower and smaller the GPC output oscillations.  
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Figure 5.7. GPC output performance for different values of the control weighting constant, λ, for a 
plunger-type socket insert actuator at the PCALF location. Values of ny, na, and nu given in sample 

steps (ss) equivalent to 30 min, 6 min, and 5 min, respectively.  
 

 
Figure 5.8. GPC output performance for the first 10 minutes for different values of λ for a plunger-

type socket insert actuator at the PCALF location. Values of ny, na, and nu given in sample steps 
(ss) equivalent to 30 min, 6 min, and 5 min, respectively.   

 

For the DT region, the GPC output performance for a plunger-type actuator for different 

values of λ is shown in Figure 5.9 and Figure 5.10. Actuation rise times and rates ranged 

from 1.0 – 5.2 minutes, equivalent to 0.20 – 3.70 kPa/s for 0.1 ≤ λ ≤ 100. The corresponding 

overshoot beyond the target pressure was 0 – 3.74%. The output deviation from the target 

increased with λ.  

ss 

ss 
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Figure 5.9. GPC output performance for different values of the control weighting constant, λ, for a 

plunger-type socket insert actuator at the DT location. Values of ny, na, and nu given in sample steps 
(ss) equivalent to 30 min, 20 min, and 2.5 min, respectively.  

 

 
Figure 5.10. GPC output performance for the first 10 minutes for different values of λ for a 

plunger-type socket insert actuator at the DT location. Values of ny, na, and nu given in sample steps 
(ss) equivalent to 30 min, 20 min, and 2.5 min, respectively. 

Figure 5.11 and Figure 5.12 below show the GPC output performance for a plunger-type 

actuator for different values of λ at the PT region. The peak oscillation amplitudes and 

actuation rates ranged from 0.37 – 5.42 kPa and 0.02 – 0.36 kPa/s for 0.01 ≤ λ ≤ 100. The 

smaller λ values resulted in closer matching of the GPC output to the safe target pressure 

signal and faster actuations.  

ss 

ss 



Chapter 5 

125 

 
Figure 5.11. GPC output performance for different values of the control weighting constant, λ, for a 
plunger-type socket insert actuator at the PT location. Values of ny, na, and nu given in sample steps 

(ss) equivalent to 30 min, 6.25 min, and 3.75 min, respectively. 
 

  
Figure 5.12. GPC output performance for the first 10 minutes for different values of λ for a 

plunger-type socket insert actuator at the PT location. Values of ny, na, and nu given in sample steps 
(ss) equivalent to 30 min, 6.25 min, and 3.75 min, respectively.  

 

It was observed that in the early timeframes, < 2 hours, control action acted to minimise the 

overall pressure magnitudes, oscillation amplitudes and actuation rates, while also keeping 

pressures below the safety threshold at all ROI. After this time, safe target tracking was 

maintained at the PCALF and PT locations, but overshoots of 0.6 – 3.74% were observed at 

the DT location for 10 ≤ λ ≤ 100. 

ss 

ss 
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Fluid Bladder Socket Insert Actuator  

The GPC output for a fluid bladder actuator for different values of λ at the PCALF region is 

presented in Figure 5.13 and Figure 5.14 below. The peak oscillation amplitudes and 

actuation rates ranged from 0.40 – 14.29 kPa and 0.03 – 0.95 kPa/s for 0.01 ≤ λ ≤ 100.  

 

 
Figure 5.13. GPC output performance for different values of the control weighting constant, λ, for a 
fluid bladder socket insert actuator at the PCALF location. Values of ny, na, and nu given in sample 

steps (ss) equivalent to 30 min, 7.5 min, and 5 min, respectively.   
 

 
Figure 5.14. GPC output performance for the first 10 minutes for different values of λ for a fluid 

bladder socket insert actuator at the PCALF location. Values of ny, na, and nu given in sample steps 
(ss) equivalent to 30 min, 7.5 min, and 5 min, respectively.    

ss 

ss 
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Figure 5.15 and Figure 5.16 show the GPC output for different λ at the DT region. Actuation 

rise times and rates ranged from 0.7 – 5.0 minutes, equivalent to 0.20 – 4.01 kPa/s for 0.01 

≤ λ ≤ 100. Overshoot beyond the target pressure was 0 – 4.15%.   

 
 

 
Figure 5.15. GPC output performance for different values of the control weighting constant, λ, for a 

fluid bladder socket insert actuator at the  DT location. Values of ny, na, and nu given in sample 
steps (ss) equivalent to 30 min, 25 min, and 2.5 min, respectively.  

 

  
Figure 5.16. GPC output performance for the first 10 minutes for different values of λ for a fluid 

bladder socket insert actuator at the  DT location. Values of ny, na, and nu given in sample steps (ss) 
equivalent to 30 min, 25 min, and 2.5 min, respectively.  

 

ss 
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For the PT region, the GPC output performance for a fluid bladder actuator for different 

values of λ is shown below in Figure 5.17 and Figure 5.18. The peak oscillation amplitudes 

and actuation rates ranged from 0.33 – 5.42 kPa and 0.02 – 0.36 kPa/s for 0.01 ≤ λ ≤ 100. 

For all ROI, the control performance for this actuator type was observed to be nearly equal 

to that of the plunger-type actuator.  
 

 
Figure 5.17. GPC output performance for different values of the control weighting constant, λ, for a 
fluid bladder socket insert actuator at the PT location. Values of ny, na, and nu given in sample steps 

(ss) equivalent to 30 min, 5 min, and 2.5 min, respectively.   
 

 
Figure 5.18. GPC output performance for the first 10 minutes for different values of λ for a fluid 
bladder socket insert actuator at the PT region. Values of ny, na, and nu given in sample steps (ss) 

equivalent to 30 min, 5 min, and 2.5 min, respectively.   

ss 

ss 



Chapter 5 

129 

EAP Socket Insert Actuator  

Figure 5.19 – Figure 5.21 below show the GPC output for an EAP actuator for different 

values of λ at the PCALF location. Explicit output constraints, 16.5 ≤ yk ≤ 60kPa, were 

applied within the GPC algorithm to prevent overshoot beyond the estimated safe target and 

donning pressures, especially between t = 0 – 2 minutes.  

 

  
Figure 5.19. GPC output for different values of the control weighting constant, λ, for an EAP 

socket insert actuator at the PCALF region, and the first 10 minutes (BOTTOM), with no 
constraints applied. Values of ny, na, and nu given in sample steps (ss) equivalent to 30 min, 25 min, 

and 1.25 min, respectively.  

ss 
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Introduction of output constraints imposes implicit constraints on the control inputs for every 

step over the control horizon, nu, for ny number of steps ahead, and in effect renders the na 

parameter redundant. Peak oscillation amplitudes and actuation rates ranged from 3.85 – 

13.80 kPa and 0.26 – 0.92 kPa/s for 10 ≤ λ ≤ 1000.  

 

 
Figure 5.20. GPC output for different values of λ for an EAP socket insert actuator at the PCALF 
region, with 16.5 ≤ yk ≤ 60kPa constraints applied. Values of ny and nu given in sample steps (ss) 

equivalent to 30 min and 2.5 min, respectively.    
 

 
Figure 5.21. GPC output for the first 10 minutes for different values of λ for an EAP socket insert 

actuator at the PCALF region, with 16.5 ≤ yk ≤ 60kPa constraints applied. Values of ny and nu given 
in sample steps (ss) equivalent to 30 min and 2.5 min, respectively.   

ss 

ss 
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The GPC output for an EAP actuator for different values of λ at the DT region is presented 

in Figure 5.22 and Figure 5.23. Output constraints, 7 ≤ yk ≤ 70 kPa, were added. Actuation 

rise times and rates ranged from 1.3 – 14.7 minutes, equivalent to 0.06 – 1.69 kPa/s for 102 

≤ λ ≤ 106. The corresponding overshoot beyond the target pressure was 0.23 – 13.95%.  
 

 
Figure 5.22. GPC output for different values of the control weighting constant, λ, for an EAP 

socket insert actuator at the  DT region, with 7 ≤ yk  ≤ 70 kPa constraints applied. Values of ny and 
nu given in sample steps (ss) equivalent to 75 min and 1.25 min, respectively.  

 

 
Figure 5.23. GPC output for the first 10 minutes for different values of λ for an EAP socket insert 
actuator at the DT region, with 7 ≤ yk  ≤ 70 kPa constraints applied. Values of ny and nu given in 

sample steps (ss) equivalent to 75 min and 1.25 min, respectively.  
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ss 
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For the PT region, the GPC output for an EAP actuator for different values of λ is shown in 

Figure 5.24 and Figure 5.25. The peak oscillation amplitudes and actuation rates ranged from 

1.24 – 5.07 kPa and 0.08 – 0.34 kPa/s for 10 ≤ λ ≤ 1000, with 13 ≤ yk ≤ 60 kPa output 

constraints. This actuator type was observed to be less sensitive to λ, with much larger values 

needed for control performance optimisation compared to the other two actuator types.    
 

 
Figure 5.24. GPC output for different values of the control weighting constant, λ, for an EAP 

socket insert actuator at the PT region, with 13 ≤ yk  ≤ 60 kPa constraints applied. Values of ny and 
nu given in sample steps (ss) equivalent to 30 min and 2.5 min, respectively.  

 

 
Figure 5.25. GPC output performance for the first 10 minutes for different values of λ for an EAP 
socket insert actuator at the PT region, with 13 ≤ yk  ≤ 60 kPa constraints applied. Values of ny and 

nu given in sample steps (ss) equivalent to 30 min and 2.5 min, respectively.  

ss 

ss 
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These simulations indicate that GPC control parameters can be selected which would be 

predicted to give accurate control and avoid excursions into high damage risk. A summary 

of optimised GPC output performance is presented in Table 5.2, showing that large values 

of λ slow and decrease the magnitude of output oscillations, and increase output deviation 

from the target. Smaller λ values allow for closer matching of controller output to the safe 

target pressure, and faster actuations.  
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Table 5.2. Summary of GPC output performance measures by socket insert actuator type and residuum location for a standard continuous ambulation 
waveform.  

Anatomical Location / 
Actuator type 

Peak Oscillation 
Amplitudes (kPa) 

Peak Actuation Rate 
(kPa/s) Maximum Overshoot (%) 

Posterior Calf λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 
Plunger-type insert 12.16 5.12 0.95 0.81 0.34 0.06 0 0 0 

Fluid insert 12.16 5.12 0.95 0.81 0.34 0.06 0 0 0 

EAP insert 
λ = 50 λ = 100 λ = 500 λ = 50 λ = 100 λ = 500 λ = 50 λ = 100 λ = 500 
11.48 9.71 5.33 0.77 0.65 0.36 0 0 0 

Patella Tendon λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 
Plunger-type insert 4.28 1.68 0.57 0.29 0.11 0.04 0 0 0 

Fluid insert 4.28 1.68 0.38 0.29 0.11 0.03 0 0 0 

EAP insert 
λ = 50 λ = 100 λ = 500 λ = 50 λ = 100 λ = 500 λ = 50 λ = 100 λ = 500 
3.86 3.11 1.69 0.26 0.21 0.11 0 0 0 

Distal Tibia 
Target value after initialisation = 68.37 kPa 

   
Rise time (mins) Peak Actuation Rate (kPa/s) 

λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 λ = 0.1 λ = 1 λ = 10 
Plunger-type insert 1.0 1.3 2.5 3.70 1.51 0.51 0 0 0.60 

Fluid insert 0.7 1.1 2.2 3.70 1.51 0.51 0 0 0.67 

EAP insert 
λ = 103 λ = 104 λ = 105 λ = 103 λ = 104 λ = 105 λ = 103 λ = 104 λ = 105 

2.1 3.2 4.4 0.65 0.37 0.24 1.03 2.07 3.30 

------The preferred values for the active prosthetic socket system described in this study.   
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5.3.2 Testing the efficacy of GPC and actuator performance metrics for a 

demonstrative loading sequence of ADL  

The second set of simulations was carried out to examine the efficacy of GPC and the 

performance metrics for the different socket actuators for a demonstrative loading sequence 

of ADL that might be performed by an active prosthesis user.   

 

Plunger-Type Socket Insert Actuator  

Figure 5.26 – Figure 5.28 below show the output performance of GPC for each ROI for a 

demonstrative operational sequence for the plunger-type actuator for different values of λ. 

Peak actuation pressure change magnitudes and actuation rates ranged from 4.02 – 21.18 

kPa and 0.27 – 1.41 kPa/s for the PCALF location, 6.40 – 34.75 kPa and 0.43 – 2.32 kPa/s 

for the DT location and 5.43 – 29.38 kPa and 0.36 – 1.96 kPa/s for the PT location, for 0.1 

≤ λ ≤ 10. The maximum errors between the output and target values were 11 – 63 %, 33 – 

184 %, and 20 – 109% for the PCALF, DT and PT locations, respectively, for 0.1 ≤ λ ≤ 10.  

  

 
Figure 5.26. GPC output performance for a plunger-type socket insert actuator for different values 
of λ at the PCALF location for a demonstrative loading sequence of ADL. Values of ny, na, and nu 

given in sample steps (ss) equivalent to 15 min, 7.5 min, and 5 min, respectively.  
 

These peak values were observed where the largest changes in the target pressure values 

occurred, i.e. during the transitions from the sitting to standing and walking to sitting actions 
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for the PCALF and PT locations, and during the transitions from standing to walking and 

walking to sitting actions for the DT location.   

 

 
Figure 5.27. GPC output performance for a plunger-type socket insert actuator for different values 

of λ at the DT location for a demonstrative loading sequence of ADL. Values of ny, na, and nu given 
in sample steps (ss) equivalent to 15 min, 10 min, and 5 min, respectively.   

 

 
Figure 5.28. GPC output performance for a plunger-type socket insert actuator for different values 
of λ at the PT location for a demonstrative loading sequence of ADL. Values of ny, na, and nu given 

in sample steps (ss) equivalent to 15 min, 6.25 min, and 5 min, respectively.   
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Fluid Bladder Socket Insert Actuator  

GPC output performance for a fluid bladder actuator for each ROI is shown in Figure 5.29 

– Figure 5.31. The peak actuation pressure change magnitudes, actuation rates and maximum 

errors were similar to those of the plunger-type actuator for all ROI.  

 
Figure 5.29. GPC output performance for a fluid bladder socket insert actuator for different values 
of λ at the PCALF location for a demonstrative loading sequence of ADL. Values of ny, na, and nu 

given in sample steps (ss) equivalent to 15 min, 6.25 min, and 5 min, respectively.  
 

 
Figure 5.30. GPC output performance for a fluid bladder socket insert actuator for different values 
λ at the  DT location for a demonstrative loading sequence of ADL. Values of ny, na, and nu given 

in sample steps (ss) equivalent to 15 min, 12.5 min, and 3.75 min, respectively.  
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Comparable to the plunger-type actuator, these peak values were observed during the 

transitions from sitting to standing and walking to sitting actions for the PCALF and PT 

locations, and during the transitions from standing to walking and walking to sitting actions 

for the DT location.   
 

 
Figure 5.31. GPC output performance for a fluid bladder socket insert actuator for different values 
of λ at the PT location for a demonstrative loading sequence of ADL. Values of ny, na, and nu given 

in sample steps (ss) equivalent to 15 min, 7.5 min, and 5 min, respectively.  
 

EAP Socket Insert Actuator  

For the EAP actuator, the GPC output performance for each ROI for different values of λ, is 

shown in Figure 5.32 – Figure 5.34. Explicit output constraints, yk max. ≤ 60 – 70 kPa, were 

added to the GPC algorithm to prevent overshoot of actuator output beyond the estimated 

safe target pressures, and yk min. ≥ 7 – 16.5 kPa for ensuring socket grip and suspension by 

maintaining the interface pressure equal or above the donning pressure.  

Peak actuation pressure change magnitudes and actuation rates ranged from 8.66 – 23.76 

kPa and 0.58 – 1.58 kPa/s for the PCALF location for 10 ≤ λ ≤ 1000, 4.84 – 29.18 kPa and 

0.32 – 1.95 kPa/s for the DT location for 102 ≤ λ ≤ 5×104, and 11.78 – 32.96 kPa and 0.79 – 

2.20 kPa/s for the PT location for 10 ≤ λ ≤ 1000. The maximum errors recorded for the 

PCALF and PT locations were 7 – 98 % and 12 – 154 %, respectively, for 10 ≤ λ ≤ 1000. 

For the DT location the maximum errors observed were 125 – 395 % for 102 ≤ λ ≤ 5×104. 

These peak values were observed during the transitions from the sitting to standing and 
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walking to sitting actions for the PCALF and PT locations, and during the transitions from 

standing to walking and walking to sitting actions for the DT location, i.e. where the largest 

changes in the target pressure values occurred.   

 
Figure 5.32. GPC output performance for an EAP socket insert actuator for different values of λ at 

the PCALF location for a demonstrative loading sequence of ADL, with 16.5 ≤ yk ≤ 60kPa 
constraints applied. Values of ny and nu given in sample steps (ss) equivalent to 15 min and 2.5 

min, respectively.  
 

 
Figure 5.33. GPC output performance for an EAP socket insert actuator for different values of λ at 

the  DT location for a demonstrative loading sequence of ADL, with 7 ≤ yk ≤ 70kPa constraints 
applied. Values of ny and nu given in sample steps (ss) equivalent to 18.75 min and 1.25 min, 

respectively.  
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0.18 – 3.33 % overshoot of controller output beyond the safe target pressure level was 

observed at the DT location for this actuator between 45 – 90 minutes (the walking stage), 

for 102 ≤ λ ≤ 5×104.   

 

 
Figure 5.34. GPC output performance for an EAP socket insert actuator for different values of λ at 

the PT location for a demonstrative loading sequence of ADL, with 13 ≤ yk ≤ 60kPa constraints 
applied. Values of ny and nu given in sample steps (ss) equivalent to 15 min and 2.5 min, 

respectively.  

 

As shown above, for this demonstrative loading sequence of some typical ADL the errors 

between the output and target pressures occurred during the transitions between actions. This 

is due to the predictive nature of GPC based on future target information that enabled smooth 

transitions, avoiding large instantaneous pressure changes. Control outputs were below 

estimated pressure thresholds, and though these errors may be large, >100%, in some cases, 

they were not indications of poor control action here but rather could be applied as criteria 

for selecting between actuator types. The simulations indicate that GPC can also be applied 

to give satisfactory actuation control and minimise tissue damage risk for multi-modal 

prosthetic device usage during various ADL by selection of suitable control parameters for 

transitioning between different locomotion modes. A summary of optimised GPC output 

performance for this set of simulations is presented in Table 5.3.  
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Table 5.3. Summary of GPC output performance measures by socket insert actuator type and residuum location for a demonstrative loading sequence of 
ADL likely to be carried out by active prosthesis users (K3 or K4 Medicare Functional Classification Level).  

Anatomical Location 
/ Actuator type 

Peak Actuation Pressure 
Change Magnitudes (kPa) Peak Actuation Rate (kPa/s) Maximum Error (%) Maximum Overshoot (%) 

Posterior Calf λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 
Plunger-type insert 21.18 14.47 11.21 1.41 0.96 0.75 11 31 40 0 0 0 

Fluid insert 21.19 14.48 11.21 1.41 0.97 0.75 11 31 40 0 0 0 

EAP insert 
λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 
23.76 17.78 11.14 1.58 1.19 0.74 7 41 82 0 0 0 

Distal Tibia λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 
Plunger-type insert 34.75 23.73 18.37 2.32 1.58 1.22 33 91 119 0 0 0 

Fluid insert 34.76 23.74 18.38 2.32 1.58 1.23 33 91 119 0 0 0 

EAP insert 
λ = 100 λ = 103 λ = 104 λ = 100 λ = 103 λ = 104 λ = 100 λ = 103 λ = 104 λ = 100 λ = 103 λ = 104 
29.18 14.45 8.06 1.95 0.96 0.54 125 282 354 0.18 0.83 1.84 

Patella Tendon λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 λ = 0.1 λ = 0.5 λ = 1 
Plunger-type insert 29.38 20.07 15.55 1.96 1.34 1.04 20 54 71 0 0 0 

Fluid insert 29.39 20.08 15.55 1.96 1.34 1.04 20 54 71 0 0 0 

EAP insert 
λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 λ = 10 λ = 100 λ = 500 
32.96 24.67 15.31 2.20 1.64 1.02 12 68 131 0 0 0 

------The preferred values for the active prosthetic socket system described in this study. 
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5.4 Discussion 

The outcomes of the cost function, J, optimisation to minimise residuum tissue damage risk 

with each actuator type are outlined in Table 5.2 and Table 5.3 as the peak oscillation 

magnitudes, peak actuation pressure change magnitudes, peak actuation rates, actuation rise 

times for controller output to reach 90% of the target value immediately after initialisation 

and input signal change, maximum errors, and maximum overshoots. For each of the three 

ROI considered, the output performance values were largest for the EAP actuator and nearly 

equal for the plunger-type and fluid bladder actuators. This is possibly because of the 

differences in the actuator system dynamics, as defined by the plant model gains between 

outputs and inputs, with unity gains for both the plunger-type and fluid bladder actuators, 

and one order higher for the EAP actuator.  

Desirable controller performance for the proposed adaptive socket was defined as that which 

minimises overall pressure magnitudes, actuation rates, and actuation pressure changes in 

order to minimise mechanical tissue strain damage risk, reduce the overall power 

consumption of the system, and in case large, fast actuations might cause wearer discomfort. 

According to related studies evaluating user outcomes for the elevated vacuum socket 

suspension system for lower extremity prostheses, over 72% of users reported preferred in-

socket vacuum pressure variations of 3.4 – 6.8 kPa (≈1 – 2 inHg) during ambulation [294, 

326]. Thus, in the present study, estimates of preferred actuation performance for continuous 

walking (Table 5.2) for the plunger-type and fluid bladder actuator inserts were indicated as 

0.95 – 5.12 kPa and 0.06 – 0.34 kPa/s for the PCALF location, and 0.38 – 1.68 kPa and 0.03 

– 0.11 kPa/s for the PT location. For the DT location, the preferred range of actuation rise 

time was indicated as 65.6 – 149.6 seconds, equivalent to 0.51 – 1.51 kPa/s.  

Explicit output constraints, 16.5 ≤ yk ≤ 60kPa, 7 ≤ yk ≤ 70kPa and 13 ≤ yk ≤ 60kPa, were 

added to the GPC algorithm for the EAP actuator, for the PCALF, DT and PT locations, 

respectively. They were applied to maintain the output interface pressure below the 

estimated safety threshold to avoid soft tissue damage, and above the nominal level predicted 

after socket donning alone to ensure that the prosthesis would remain suspended during the 

swing phase of gait. Furthermore, this actuator was observed to be less sensitive to the 

control weighting constant, λ, resulting in much larger values required for actuation control 

optimisation compared to the other two actuator types, likely due to the different system 

dynamics of the actuator models as depicted by their transfer functions, and implying that 
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more control moves were required per step (meaning slower input increments) to minimise 

deviation errors. Estimates of preferred actuation performance for this actuator were 

indicated as 5.33 – 9.71 kPa and 0.36 – 0.65 kPa/s for the PCALF location, and 1.69 – 3.11 

kPa and 0.11 – 0.21 kPa/s for the PT location.  The preferred range of actuation rise times 

and rates for the DT location was indicated as 127.7 – 191.7 seconds, equal to 0.37 – 0.65 

kPa/s, and up to 2% overshoot in the later timeframes. Overall, from the pilot simulations 

testing GPC feasibility and actuation performance of the proposed socket inserts for 

continuous ambulation, the plunger-type and fluid bladder actuators exhibited the best 

response for the PCALF and PT locations. The EAP actuator performed best for the DT 

region. Additionally, in the early timeframes, < 2 hours, control action acted to provide 

cyclic loading at the PCALF and PT regions while minimising overall pressure magnitudes. 

This may be beneficial in enhancing vascular flow to the residuum tissues [47].  

Some studies have shown that interface pressures alone are misleading for determining 

susceptibility to DTI due to inter-person variability and distinct geometry of bones and soft 

tissue layers, and tissue properties [21, 43, 165]. Depending of the volume of residuum 

muscle and fat padding, for example, high interface pressures may not necessarily 

correspond to high internal tissue strain, and vice versa [165]. This study provides estimates 

of localised interface pressure vs. time injury thresholds for the three ROI, generated based 

on an existing strain injury threshold curve [44]. However, though external validity of these 

interfacial pressure injury thresholds is limited owing to different input data and conditions 

between the two studies (see Section 4.3.3), they offer some novel representative 

approximations for assessing the damage risk of residuum tissues as a result of in-socket 

loading.  

In one comparable study, actuatable magneto-rheological fluid socket inserts were used to 

compensate for residuum volume fluctuations and to relieve interfacial pressure and pain 

using an automatically adjusting transtibial prosthetic socket system [40]. Ogawa et al. 

reported that the peak pressure at the PT location in a TSB socket reduced from 170 kPa to 

70 kPa with MR socket inserts during walking. From the results of this work, the estimated 

interface pressure safety threshold to avoid onset of deep tissue damage at the PT region for 

continuous ambulation, shown in Figure 5.6, was 50.8 – 49.1 (± 4) kPa for the critical short-

term compressive strain endurance period (under 63 minutes). Another study of a self-

adjusting pneumatic socket system with an air-cuff liner and attached pressure sensors at the 

socket-limb interface [38] reported average peak pressure of 57 kPa versus 83 kPa with a 

TSB socket [64] at the central PCALF region. From Figure 5.4, the safe interface pressure 
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threshold for DTI risk prevention at this region was estimated as 54.8 – 51.3 (± 10.8) kPa 

for the short loading exposure period. The results of the current study indicate that although 

both the MR and pneumatic socket systems showed reduced interface pressures compared 

to standard sockets, additional measures may be necessary to sufficiently eliminate the risk 

of DTI in residuum tissues under long-term loading, especially for insensate users. At the 

time of writing, additional published quantitative evidence was not available for comparison, 

but this drawback on improved performance with the MR and pneumatic sockets should be 

taken into consideration for other existing implementations of adjustable socket systems, 

[36, 37, 39, 41, 42], as well.  

From the simulations testing GPC proficiency and actuator performance for the 

demonstrative loading sequence of some typical ADL, the plunger-type and fluid bladder 

actuators again displayed the best actuation performance for the PCALF and PT regions, 

while the EAP actuator performed best for the DT region (Table 5.3). Up to 2% overshoot 

of GPC output beyond the estimated safe interface pressure level was observed, but only 

with the EAP actuator, for the DT location. Moreover, at initialisation, the controller output 

for the EAP actuator briefly (for one step) drops below the predicted socket donning interface 

pressure level at all ROI, despite application of output constraints. This irregularity can 

possibly be accommodated during usage by allowing a short duration of time (≈ 30 seconds 

– 1 minute) for device stabilisation after donning and prior to any load application. Also, for 

real implementation, explicit programming of a minimum delay equivalent to na between 

current interfacial pressure measurements and controlled actuation would be essential to 

enable timely detection of imminent control target changes based on user movements.      

The simulations carried out in this study show that GPC can be applied to give satisfactory 

interface pressure actuation performance and minimise tissue damage risk for the adaptive 

prosthetic socket with multiple in-socket actuators, in several scenarios. Control parameters 

can be selected which would be predicted to meet operational requirements and avoid 

excursions into high damage risk, for the actuator models applied. 

 

5.4.1 Limitations  

This study is a theoretical demonstration and analysis of GPC feasibility for interface 

actuation control and practical implementation may be different. GPC applies unbiased 

predictions in the steady state, and to improve accuracy for a physical implementation low-

pass filters may be required to adequately handle additional impact of prosthetic alignment 
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and other biomechanical gait effects, and measurement noise. This may enhance disturbance 

rejection by reducing input signal sensitivity to high frequency noise, and improving output 

prediction accuracy by eliminating bias due to past random changes [273]. Also, the control 

optimisation parameters and constraints applied here may differ for a practical 

implementation due to system losses and gait effects. Additionally, more robust cross-talk 

analysis is needed to address inter-person variability in the assessment of interactions 

between actuator locations and possible requirement of a more complex control structure.  

The study demonstrates that actuation performance measures can be manipulated using the 

GPC formulation to achieve various control objectives, and trade-offs between them. 

Additional studies considering end-user feedback are required to assist in prioritising which 

actuation performance metrics have greater influence on comfort, and to perform multi-

objective optimisation to identify minimal values. 

In addition, the study only considered mechanical tissue strain damage and did not take into 

account ischemic-related damage or expression of inflammatory biomarkers. Incorporating 

measurements of non-invasive biomarkers, such as expression of the pro-inflammatory 

cytokine IL-1α, reported to be a potential indicator of tissue tolerance and early formation 

of pressure ulcers [47, 48], would be an additional preventive measure. However, Soetens et 

al. reported higher increase in IL-1α levels with continuous loading compared to cyclic 

loading, and an accumulative effect with cycling loading without sufficient refractory 

unloading periods, but further research is still required to determine the effect of 

accumulated IL-1α on DTI onset [48].  

 

5.5 Summary  

This study demonstrates that GPC is a theoretically feasible approach for the adaptive 

prosthetic socket system described herein with multiple interface actuators. The predictive 

nature of GPC and its application of a cost function minimisation to reduce residuum tissue 

injury risk with interface actuation, resulted in satisfactory dynamic control performance to 

maintain the pressure on the residuum surface within safe and functional limits. It is shown 

that actuation performance measures can be manipulated using the GPC formulation to 

achieve various operational requirements, and trade-offs between them. The mechanisms 

and interactions at the residuum/prosthetic socket interface are quite complex and far still 

from being fully understood. Though other methods described earlier, such as gain 
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scheduling and pole placement control, may produce accurate results for specific 

combinations of individual design parameters, the simulations presented here show that GPC 

can be readily implemented for the proof of concept and meet the constraints of operation. 

This study provides a novel methodology and quantitative feasibility analysis for design of 

prosthetic socket systems integrating dynamic monitoring and minimisation of sub-dermal 

residuum injury risk with active adaptation of the loading at the interface. Representative 

estimates of localised interface pressure-time safety thresholds for loaded transtibial residua 

are also produced. This study could be useful for extending recent efforts towards developing 

advanced lower limb prosthetic sockets [36–42]. Applying such a control structure as 

described here, combined possibly with measurable tissue viability indications of 

inflammation and ischemia, could be additional preventive actions.  
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Chapter 6 Recommendations for Further Studies and 

Concluding Statement  

The research chapters each include a discussion and summary section related to the findings 

of the study. Firstly, some global functional characteristics for the self-adjusting adaptive 

prosthetic socket system described in this thesis, and technical specifications for modelling 

and design simulation of three candidate interface actuation techniques were detailed in 

Chapter 3. A comparative concept-design failure mode and effects analysis of the actuators 

was provided for evaluating their applicability. Compared to the other two actuators, the 

fluid bladder actuator was identified as having the highest criticality of possible failures, and 

therefore the highest priority assignment for preventive and/or corrective actions against 

potential causes. Some control and manual fail-safes for mitigating occurrence of system 

failures were also outlined.  

In Chapter 4, FEA of a transtibial residuum model was used to provide biomechanical output 

predictions of internal tissue strain and residuum-socket interface pressure due to prosthetic 

loading, at three anatomical regions of the residual limb – denoting the actuator locations. A 

factorial design study based on estimations of compressive tissue strain, the main indicator 

for DTI in this work, showed minimal cross-effects overall between the actuator regions, 

suggesting apt application of an uncoupled controller structure for interface actuation. The 

predicted relationships between compressive tissue strain and interfacial pressures at the 

actuator regions were examined to provide training data for creating surrogate models for 

DTI risk assessment to determine control targets for interface actuation control simulation. 

Also, the study extended clinically relevant evidence that interfacial pressure loading alone 

is insufficient for indicating DTI risk or damage thresholds, because comparatively low 

pressures can cause large internal local strains, especially at bony prominences.  

Lastly, simulation of the interface actuation control structure including: DTI risk evaluation 

utilising the training input data obtained from the FEA results, and injury risk minimisation 

using Generalised Predicted Control optimisation with the identified three actuation 

techniques was detailed in Chapter 5. Satisfactory actuation control performance was 

achieved with GPC by application of a cost function minimisation to reduce tissue damage 

risk for multiple in-socket actuators, in several scenarios. It was demonstrated that control 

parameters can be selected which would be predicted to meet operational requirements and 

avoid excursions into high damage risk, for the actuator models applied. The control tuning 
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parameters were different between the ROI and actuator types due to distinct interface 

pressure-strain relationships and differing actuator model dynamics, and for different 

locomotive activities. Estimates of localised interface pressure-time safety thresholds were 

also produced that could be useful for extending current efforts in adjustable lower limb 

prosthetic sockets, particularly for individuals with residuum sensory impairment. 

The main contributions of this thesis are:  

1. A quantitative feasibility analysis and a development platform for an adaptive prosthetic 

socket system integrating dynamic monitoring and minimisation of sub-dermal 

residuum tissue injury risk with active limb-socket interface loading control.  

2. Novel use of FEA to provide biomechanical basis for an adaptive socket control system 

for predictive DTI risk assessment based on interface pressure measurements.   

3. Demonstration of the feasibility of GPC for interface pressure actuation for an adaptive 

prosthetic socket system with multiple interface actuators, by prediction of future 

control outputs based on expected targets and a cost function minimisation for reduction 

of residuum tissue injury risk.  

4. Technical specifications for an adaptive prosthetic socket system, and some candidate 

functional interface actuation methods.  

The following sections cover recommendations for future studies leading to the steps to 

clinical translation of the adaptive socket design concept, and a concluding statement.  

 

6.1 Recommendations for Further Studies 

The outcomes and limitations of the studies described in this thesis have been used to 

propose a set of future studies that would further inform and improve the potential for 

successful implementation of the adaptive socket system design.   

 

6.1.1 Extension and Validation of the FEA-based Residuum Tissue Damage Risk 

Estimation  

The FE analysis in this research involved quasi-static loading and a limited set of prosthetic 

loading cases from published gait analysis literature. A future study involving a full dynamic 
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analysis plus testing of additional loading scenarios to assess and compare the interface 

stresses and the internal mechanical strain of residuum tissues throughout a complete gait 

cycle and the effect of different ambulation speeds should be completed. The outcome of 

such a study should lead to more definitive interface pressure vs. tissue strain relationships 

and therefore generate more robust surrogate models for the DTI risk evaluation within the 

adaptive socket control framework. Additional suitable actuator locations and combinations 

should also be incorporated and evaluated, and a wider more discretised range of local liner 

stiffness values applied for the actuator sensitivity and cross-talk examination.  

The main challenge with FE analysis of residuum tissue strain due to loading is validation 

against experimental measurements. In addition to clinical experimental measurements of 

residuum-socket interface stresses in the literature, lab-based systems such as artificial lower 

limb prosthetic simulators [327] have been developed to facilitate controlled assessment of 

interface stresses and in-socket residuum pistoning for discrete gait loading events. 

However, there are no reported studies involving experimental assessment of the internal 

mechanical strain of the residuum during prosthetic loading. Digital Volume Correlation 

(DVC) is a non-contact, volume imaging method that enables measurement of the 

displacement of contrasting microstructural features or added fiducial markers between 

unloaded and loaded MR or CT scans [46, 328, 329]. This enables estimation of volumetric 

strains within a structure. Studies applying DVC to artificially manufactured residua to 

assess the internal mechanical state under simulated loading representative of prosthetic use, 

combined with pressure and shear measurements at the residuum interface would provide 

valuable additional biomechanical data to validate the FEA model and the findings of this 

research. Such studies would also contribute to further understanding of key elements of 

FEA models such as material properties, geometry, and loading conditions by enabling 

parametric comparisons. However, DVC with CT in particular is an in vitro method and 

cannot be practically applied in vivo, and MRI requires an extremely high field strength 

machine, which is not typical. Simpler model tuning methods could be more practical.  

In this research, the FE analysis was based on a singular model. Studies characterising person 

variability in the analysis should be completed. These could include linear ultrasound 

measurements [286] of soft tissue coverage thickness over bone at key residuum regions, 

MRI and ultrasound elastography [287, 288, 322, 323] or indenter measurements of skeletal 

tissue compliance [289], and techniques assessing the effects of different residuum 

morphologies and geometries on biomechanical measurements [306]. The outcomes of such 
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studies would provide bases for in-clinic calibration to match socket-actuator setups to 

different persons.  

The residuum/prosthetic system is highly complex and several numerical material models 

have been proposed to represent the biomechanical response of the residuum soft tissues. 

Extrapolation of the predictions obtained in the current study is further limited by several 

model simplifications and assumptions including neglecting viscoelasticity effects, 

anisotropy, non-homogeneity, or segmentation of distinct muscular compartments of the soft 

tissues, and implementation of a bonded skin-liner interface. Future modelling studies should 

be carried out comparing the effects of: different tissue continuum material models, multi-

layered models with distinct tissue layers or discrete muscle sets [245, 246], residuum 

interface boundary conditions taking into account the influence of temperature and humidity 

[19, 170, 173, 251, 252], tissue adaptation and stiffening under long-term loading [216], and 

ischemic damage in the tissue [47, 48, 215]. These studies would be useful for defining more 

detailed pressure-strain input data capturing individual variability in tissue biomechanical 

response to loading, for interface actuation control for prosthetic usage in several scenarios.  

 

6.1.2 Developing, Testing and Validation of a Prototype Adaptive, Self-Adjusting 

Socket System with DTI Risk Monitoring  

This thesis outlines the global functional features for an adaptive prosthetic socket system. 

It further develops theoretical design specifications for several suitable functional intra-

socket components and actuation techniques, and presents a comparative Concept-Design 

Failure Mode and Effects Analysis (C-DFMEA) of the different actuators. Next steps should 

be studies entailing detailed design and development of physical prototypes of the actuation 

systems based on the specifications described here. These studies should involve evaluation 

of parts and materials, and experimental testing of the assembled actuation systems with 

GPC to characterise the sensitivity of actuators to applied load and direction of actuation, 

and the maximum achievable resolutions.  

Moreover, prior to physical prototyping of the socket, a Patient and Public Involvement (PPI) 

study should be performed to understand potential users’ opinions on the proposed 

technologies, and their interests and concerns regarding comfort and usability. For initial 

evaluation of the overall adaptive socket system concept, an artificial residuum and test 

socket with the actuation inserts at selected ROI should be fabricated for preliminary testing. 

The assembled artificial socket prototype with embedded actuators, interface sensors and 
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connected control system hardware should be tested with an artificial prosthetic simulator 

applying representative prosthetic loading to assess, compare and validate the performance 

of the actuators and GPC control scheme. Such evaluation should be performed with respect 

to DTI risk estimation and minimisation utilising the surrogate models described herein, and 

modulation of interface actuation towards keeping the loading on the residuum surface 

within safe and functional limits. These studies should also evaluate GPC performance 

within multi-level control strategies with gait recognition or multi-modal capacity for 

transitioning between different locomotion modes.  

In addition, following successful ethics application and informed consent, studies should be 

extended to include clinical trials and end user feedback, to establish a pathway through 

further development to clinical adoption. Test sockets for this study should be fabricated 

with the guidance of a prosthetist to match the shapes of participants’ normal sockets with 

the minimal possible adaptations made for accommodation of the actuation inserts. It is 

hypothesised that an adaptive socket system based on residuum DTI risk estimation and 

minimisation with prosthesis/limb interface pressure adjustments, would result in minimised 

interface pressure gradients, improved management and control of socket fit, increased limb 

stability, and preservation of residuum health. Future clinical studies should examine and 

compare the distribution, magnitude, and durations of interfacial pressures between this 

adaptive, self-adjusting socket system and other socket types. These studies should include 

evaluation of GPC performance measures for each actuation method and duration of device 

usage, observed pressures, and variation of actuator sites, against wearer comfort outcomes 

and the comparison with reported trends.  

Additional assessments could include dynamic gait analysis aiming to quantify the 

kinematics, kinetics and socket stability parameters for the adaptive socket. Such studies 

should also involve investigation of how the loading on the residuum varies with a range of 

walking speeds and surfaces. Further recommended developments should be completed 

including a mobile user interface enabling communication of commands and socket 

adjustment feedback between prosthesis users and the system operation unit. Tests should 

be conducted to indicate if users would be comfortable operating such an interface for 

donning and doffing the socket, to initiate appropriate fail-safes in case of failure, and, 

potentially, switching operation modes for different activities. Broader quality of life scores 

should also be considered to address usability aspects too such as operation sound, hassle of 

managing batteries, and ease of donning and doffing. 
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Regarding socket production, studies could explore the feasibility of direct pressure casting 

[32] and thermoplastic socket formation or resin lamination methods [59, 293], followed by 

attachment of the intra-socket actuator assembly, with respect to: total fabrication time from 

patient assessment and casting to dynamic alignment, and the necessity for traditional 

workshop construction procedures. These studies might include surveys with prosthetists to 

understand whether such a design process creates opportunities to redefine the way sockets 

are designed, and could determine potential additional benefits of the proposed socket 

system, plus whether it could be a competitive alternative for prosthetic service providers 

and users over other sockets types. A further comparative clinical study should be carried 

out evaluating the frequency of additional in-clinic socket modifications after initial fitting 

of the adaptive socket, against conventional designs.  

It is proposed that upon full development of the adaptive socket, clinical integration might 

involve: capitalising on the skills and experience of prosthetists for initial socket fitting, 

personalised specification of actuator locations and selection of actuator sizes from off-the-

shelf sets, including attachment and setting of the actuator assembly, using set instructions 

and advice. It is anticipated that thereafter lasting dynamic socket fit would be enabled by 

the active interface adjustment, and users may also independently adjust their sockets when 

needed to accommodate short-term residuum volume changes by following use advice. Such 

a socket could increase user comfort and reduce occurrence of residuum tissue injuries, 

thereby minimising need for costly, repeated, in-clinic socket modifications by specialists.  

 

6.2 Concluding Statement  

This thesis entails theoretical analysis and development of a novel approach for dynamically 

controlling the adjustment of transtibial prosthetic sockets with flexible interfaces, based on 

internal tissue injury risk estimation and adaptive modulation of the pressure at the 

residuum/socket interface. The approach allows for active adaptation of the loading at the 

interface towards preserving soft tissue health, while maintaining the functional 

biomechanical requirements of a prosthetic socket. It is hypothesised to enable optimisation 

and management of socket fit adjustments within safety thresholds by way of localised 

control of the surface loading.  
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This study outlines technical specifications for design simulation and modelling of candidate 

functional interface actuation techniques. It further provides a comparative concept-design 

failure mode and effects analysis of the actuation methods for assessing their practicality. 

The research establishes the use of FEA to generate training input data and surrogate models 

for DTI risk assessment to define control targets for localised intra-socket interface 

actuation. Quantitative data is presented concerning predicted relationships between 

interface pressure and the internal strain of loaded transtibial residua, and the trends 

throughout the gait cycle, at specific anatomical regions.  

This work further demonstrates the feasibility of GPC for an adaptive socket system with 

multiple interface actuators. It is shown that GPC can satisfy operational requirements and 

limitations and is readily deployable for the proof of concept. A cost function optimisation 

to minimise residuum tissue injury risk by adaptive interface pressure control demonstrated 

the influence of the GPC formulation on the actuation performance of different actuator 

types for prosthetic device usage in several scenarios. Control action maintained the loading 

on the residuum surface within safe and functional limits, and minimised actuation response 

rates and amplitudes. 

The outcomes and limitations of the studies described in this work have led to identification 

of future studies that would further develop and improve the potential for successful 

implementation of the adaptive prosthetic socket design, and eventual clinical adoption.  
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Appendix A C-DFMEA 
 

Table A1. 1. Exemplar risk priority number (RPN) score matrix. 

RPN (Risk Criticality) Matrix 

Failure Mechanism Severity 

 Very 
low Low Med. High Very 

high 
1 2 3 4 5 

O
C

C
 S

co
re

 Very High (certain) 5 25 50 75 100 125 5 

D
E

T
 S

co
re

 
  

High (likely) 4 16 32 48 64 80 4 
Moderate (possible) 3 9 18 27 36 45 3 

Low (less likely) 2 4 8 12 16 20 2 
Very low (improbable) 1 1 2 3 4 5 1 
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Appendix B FEA Histograms and Look-up Tables 
1. FEA Histograms:  

HEEL STRIKE (Koehler 2014 loading case) 
 

 
Figure A2. 1. Histograms of full residuum tissue compressive strain, interface pressure and shear 

strain distribution for the heel strike gait event [315].  
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MID STANCE (Koehler 2014 loading case) 

 

 

Figure A2. 2. Histograms of full residuum tissue compressive strain, interface pressure and shear 
strain distribution for the mid stance gait event [315].  

 



Appendix B 

181 

TOE OFF (Koehler 2014 loading case) 

 

 

Figure A2. 3. Histograms of full residuum tissue compressive strain, interface pressure and shear 
strain distribution for the toe off gait event [315].  
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2. Look-Up Tables: Distal Tibia and Patella Tendon Locations  
 

Table A2. 1. Look-up tables for the distal tibia and patella tendon actuator locations for the 
tissue injury risk protocol of the adaptive prosthetic socket system. 

 Look-up Table for Distal 
Tibia 

Look-up Table for Patella 
Tendon 

Breakpoints P (kPa) ε3 (%) P (kPa) ε3 (%) 

1 7.80 9.00 13.50 17.00 

2 25.48 42.90 42.30 47.42 

3 27.84 50.40 45.04 49.50 

4 29.41 40.65 47.15 62.33 

5 41.22 77.99 48.23 54.55 

6 41.86 68.69 50.71 57.05 

7 42.51 46.29 50.94 56.09 

8 42.56 81.25 51.02 64.22 

9 64.89 56.17 55.04 66.68 

10 89.51 65.28 56.69 62.68 

11 108.62 61.85 77.04 69.52 

12 113.31 62.78 83.62 59.98 

13 115.22 65.58 95.47 59.43 

14 134.92 73.25 105.29 63.74 

15 144.45 78.63 107.50 72.23 

16 155.13 80.13 116.11 66.71 

P = Residuum interface pressure; ε3 = Residuum tissue compressive strain 
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Appendix C Controller Input Signal and Simulink 

Models 

Controller Input Signal  

 

Figure A3. 1. ISO standard axial force versus time profile for testing total knee-joint 
implant prostheses [324]  
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