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Abstract
The socket is the most critical part of every lower-limb prosthetic system, since it serves as the interfacial component that 
connects the residual limb with the artificial system. However, many amputees abandon their socket prostheses due to the 
high-level of discomfort caused by the poor interaction between the socket and residual limb. In general, socket prosthesis 
performance is determined by three main factors, namely, residual limb-socket interfacial stress, volume fluctuation of the 
residual limb, and temperature. This review paper summarizes the various sensing and actuation solutions that have been 
proposed for improving socket performance and for realizing next-generation socket prostheses. The working principles of 
different sensors and how they have been tested or used for monitoring the socket interface are discussed. Furthermore, vari-
ous actuation methods that have been proposed for actively modifying and improving the socket interface are also reviewed. 
Through the continued development and integration of these sensing and actuation technologies, the long-term vision is to 
realize smart socket prostheses. Such smart socket systems will not only function as a socket prosthesis but will also be able 
to sense parameters that cause amputee discomfort and self-adjust to optimize its fit, function, and performance.

Keywords  Actuation · Interfacial stress · Lower-limb amputees · Sensors · Self-adjust · Socket prosthesis · Smart socket · 
Temperature · Volume fluctuation

1  Introduction

Limb amputation and the resulting physical disability 
adversely impacts the quality of life of amputees. Accord-
ing to a report published by the World Health Organiza-
tion, there are ~ 40 million amputees worldwide. In the 
U.S., ~ 185,000 amputations are performed each year, and 
nearly 2 million people suffer from amputations [1]. Over-
all, ~ 54% of all amputations are due to vascular diseases, 
with the remaining ~ 46% caused by severe trauma and can-
cers [2]. These statistics have increased due to recent mili-
tary conflicts. For example, the number of combat-related 
amputations increased from ~ 960 to 1200 between 2010 
and 2012 [3]. While amputations need to be performed as 
a medical necessity, the main concern is to provide a better 
quality of life for amputees after limb loss.

Prostheses serve to restore the lost functionalities of 
amputees. It has been shown that consistent prosthetic 
use reduces secondary health issues and provides a larger 
degree of mobility and functional independence for those 
with amputation [4]. Increased prosthetic usage correlates 
with higher levels of employment [4], increased quality of 
life [5], decreased phantom limb pain, and lower levels of 
general psychiatric symptoms.

In the case of lower limb amputations, the prosthetic sys-
tem functions as the crucial component that transfers loads 
from the upper body through the residual limb to the artifi-
cial limb. In particular, socket prostheses consist of a socket, 
a shank, the ankle, and foot, and its purpose is to replace the 
amputated limb. The socket is responsible for coupling the 
residual limb with the rest of the components of the prosthe-
sis. Traditionally, the socket is a rigid or semi-rigid compo-
nent that is purposefully designed to conform to the shape 
of each amputee’s residual limb. Yet, socket gold standards 
are an undefined topic in the field of prosthetics. Born out of 
a custom fabrication process that entails plaster casting fol-
lowed by lamination, the socket continues to remain a one-
off device. Although there have been advances in computer-
aided design and manufacturing (CAD–CAM) technology 
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or 3D printing, these are primarily manufacturing solutions. 
The end result, being a rigid device that gives a snapshot 
window of limb volume, size, and shape is still the standard 
solution. Unfortunately, the prosthetic socket and methods 
have seen little advancement in the past 50 years.

In fact, less than 50% of amputees wear their prosthe-
sis regularly [6, 7], and the primary cause of prosthetic 
abandonment is due to socket discomfort [8] and fitment 
[9]. Prosthetic abandonment is especially prevalent among 
users with an above the knee amputation with a short femur, 
resulting in psychological problems, reduced quality of life, 
and lack of community engagement [10]. Chamlian et al. 
[11] observed elevated abandonment rates (62.5%) and daily 
usage decrements (31–85%) following discharge from reha-
bilitation. The inability for conventional sockets to respond 
to the daily needs of amputees leads to short-term and long-
term consequences. The majority of users require multiple 
replacement sockets per year, costing upwards of $30,000 
[12]. In severe cases, users are forced to undergo revisions of 
their amputation. This cyclic process creates not only finan-
cial burdens to amputees and the healthcare system but also 
reflects the fragmentation of the care continuum and the lack 
of coordinated efforts to ensure appropriate access to medi-
cal care.

To ensure proper fitment of the socket, the three main fac-
tors that should be considered are the pressure distribution 
at the socket-residual limb interface, local body (limb) tem-
perature, and volume fluctuations of the residual limb. Non-
uniform contact pressure can cause hotspots that result in 
pain and skin-related issues. Blood profusion and a change 
in metabolic rate can result in an increased temperature of 
the residual limb to cause sweating. In this case, excessive 
sweating can cause skin irritation and maceration, which 
can worsen and result in skin breakdown and acute infec-
tion. In unequal interfacial stress- and temperature-related 
issues, a change in the residual limb’s volume can result 
in excessive displacement (i.e., in the case of limb shrink-
age) or increased shear forces between the residual limb and 
socket (i.e., in the case of limb expansion). Besides, the gait 
pattern of amputees can change due to improper fitment of 
the socket. Abnormalities in the gait patterns could result 
in walking instability [13] and an increase in energy con-
sumption as a result of compensatory muscle activity [14], 
to name a few.

Therefore, the purpose of this review paper, which dif-
ferentiates itself from other review articles on prostheses 
[15–18], is to summarize the different sensing technologies 
employed for measuring and modifying the three leading 
factors that govern socket prosthesis fitment: contact pres-
sure distribution, local temperature, and volume fluctuations. 
The next three sections each begin with a description of 
technologies that have been used for measuring the spe-
cific physical phenomenon of interest and their associated 

challenges. Furthermore, to capture other issues that drive 
the development of next-generation smart socket prostheses, 
various sensing modalities for monitoring gait and infec-
tion are also briefly summarized. Then, new designs or pro-
posed changes to the socket prosthesis that mitigate these 
effects are discussed. It should be mentioned that this paper 
is not meant to be an exhaustive review of all the technolo-
gies developed and presented to date. Instead, only certain 
technologies are highlighted to showcase the breadth and 
opportunities of this field. Finally, the paper concludes with 
a discussion of the vision for realizing next-generation smart 
socket prostheses.

2 � Interfacial pressure distribution

One of the most critical factors in determining fitment and 
comfort depends on the distribution of contact pressure at 
the interface between the residual limb and socket prosthesis 
[19]. Pressure hotspots resulting from nonuniform pressure 
distributions acting on the residual limb for long periods 
of time can cause pressure ulcers, vascular occlusions, and 
skin irritations, to name a few [20]. These problems often 
hinder blood flow in the residual limb, which can lead to 
an increase in temperature, perspiration, and dermatitis 
[21–23]. If these issues are not addressed early, skin prob-
lems and tissue infection can follow. Furthermore, these 
issues can escalate, and the patient may need to undergo re-
amputation [24]. Hence, pressure monitoring at the residual 
limb-sockets interface needs to be the first and foremost step 
taken to reduce discomfort and skin-related issues at the 
limb-prosthesis interface [25].

Although the relationship between the level of discom-
fort and interfacial pressure is highly subjective and depends 
on the condition of the muscles in the residual limb [26], 
Ogawa et al. [27] was able to quantify the pain-raising pres-
sure threshold for the fossa popliteal and patellar tendon 
as ~ 50 kPa and ~ 120 kPa, respectively. However, it was 
found that the sensitivity of pain depends on the location 
of the residual limb. For example, pain sensitivity is rela-
tively low near the front side of the thigh and higher in the 
rear. Kahle et al. [28] reported that a nondisabled person 
experiences negligible pressure on the ischial tuberosity 
while standing, while pressure can increase to as high as 
300 mmHg during normal sitting. This is significant enough 
to cause tissue damage for sensory- and mobility-impaired 
individuals. Since it is not possible to define a single value 
of pain-causing pressure threshold, the first step to solve this 
problem would be to quantify the stress distribution at the 
residual limb-socket interface. In general, four main types 
of sensors are used for pressure measurements in the socket, 
which are: (1) strain gages (2) piezoresistive, (3) capaci-
tive, and (4) optical sensors. Each type of these sensors, 
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their integration in socket prostheses, and limitations are 
described in detail in the following subsections.

2.1 � Strain gages

Strain gages are patches of patterned metal foil on a flexible 
plastic backing that exhibit a change in their resistance in 
response to applied strains [29]. Strain gages are regarded as 
the most well-known and widely used strain sensor because 
of their high accuracy, resolution, and reliability [30]. The 
use of strain gages in the lower limb prosthesis first began in 
the 1960s [31]. Strain gages are mainly used as a diaphragm 
deflection transducers inserted in the socket to measure nor-
mal stress [27] or as a piston-type transducer mounted on the 
socket wall to measure both normal and shear stresses [17].

The Kulite sensor is the most commonly used diaphragm 
deflection transducer for measuring stress in the socket pros-
thesis [32–39]. Here, 2- to 3-mm-diameter and 0.8-mm-thick 
sensing elements are tethered to four 0- to 5-mm-thick con-
ductor ribbon cables on its bottom to achieve electrical con-
nections. Kulite sensors are monolithic and employed on a 
silicone diaphragm in a Wheatstone bridge configuration for 
strain measurements. The sensor is employed symmetrically 
with respect to the central axis to ensure that it can only 
sense normal pressure. Besides its high sensitivity, light-
weight structure, and easy deployment, the stiff backing used 
to prevent its out-of-plane deformation often causes stiffness 
mismatch with the surrounding tissue and liner material. 
This mismatch can result in stress concentration at the sen-
sor edges, causing local tension in the tissue of the residual 
limb [40]. Besides, Kulite sensors can only measure stains 
at the location where they are instrumented (i.e., they are 
discrete or point sensors). They also need to be connected 
to a data acquisition system through electrical wirings. As 
a result, pressure measurement over a large area can only 
be achieved by employing an array of Kulite sensors on the 
residual limb [37]. However, such an implementation would 
restrict the range of motion of amputees and influence their 
normal gait, especially due to the large number of tethered 
electrical connections required. They are also susceptible to 
cross-talk due to their high stiffness.

To overcome these aforementioned limitations, Appoldt 
et al. [31] proposed a plunger-piston type force gage, where 
the gage-housing cylinder was placed inside the wall of the 
prosthesis by drilling a hole near the region of clinical inter-
est. The piston was attached to a small steel beam whose 
ends were clamped to the main transducer frame. Similar 
to the diaphragm deflection transducer setup, four strain 
gages were arranged in a Wheatstone bridge configuration 
and employed for bending strain measurements, where nor-
mal stress was then evaluated using the measured bending 
strains. Although piston-type transducers are insensitive to 
cross-talk, they behave as a unidirectional transducer that 

is capable of only measuring direct pressure. The design 
of the socket also needs to be adjusted as the installation of 
piston-type transducers requires drilling holes in the wall of 
the prosthesis.

The total stress developed at the prosthesis-residual 
limb interface is a resultant of normal and shear stresses. 
Excessive shear stress between the residual limb and the 
prosthesis can cause reduced blood flow and skin-related 
issues [41]. Therefore, the measurement of shear stresses is 
just as important as measuring normal stresses. First shear 
stress measurement at the residual limb-socket interface was 
achieved by Appoldt et al. [32] by introducing a tangen-
tial pressure transducer in the wall of the socket. However, 
this system was unable to measure both normal and shear 
stresses simultaneously. The tangential pressure transducer 
needs to be replaced with the perpendicular pressure trans-
ducer for normal stress measurement.

Later, Sanders and Daly [42] developed transducers for 
simultaneous measurement of stresses in three orthogonal 
directions. The sensor was employed at four different loca-
tions within a prosthetic socket of a below-knee amputee 
for in situ stress measurement during gait. Each of the three 
transducers was oriented in three orthogonal directions over 
a 6.35-mm-diameter sensing area. Gages were employed on 
two opposite faces of an aluminum beam and a Wheatstone 
bridge network was formed. The shear force between the 
residual limb and the prosthesis was estimated from the 
measured difference in bending moment between the gage 
locations. The normal force was estimated by employing a 
full-bridge diaphragm strain gage network between the cap 
support and the Pelite disk. Besides achieving simultaneous 
measurements of normal and shear stresses, employment of 
piston-based transducer for in situ stress measurement at 
prosthesis-residual limb interface often gets hindered by its 
bulky size and intricate instrumentation. The design of strain 
gage-based in situ stress measuring systems was investigated 
and optimized by different groups of researchers [43–47].

2.2 � Piezoresistive sensors

Piezoresistive force-sensing resistors (FSRs) are suitable 
for medical applications due to their thin, flexible, and con-
formable structure [48–50]. In general, FSRs are thin force 
sensors whose resistance decreases with applied normal 
forces [51]. The change in resistance is converted into a cor-
responding voltage output using the Wheatstone bridge con-
figuration [52, 53]. FSRs can be made with different shapes, 
and they can measure the change in applied load. Stress is 
estimated by dividing the measured load with the surface 
area of the sensor. Being a thin sheet, piezoresistive sensors 
can be easily placed inside the socket for in situ pressure 
monitoring [54].
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The Interlink FSR, LuSense PS3, and Tekscan FlexiForce 
A201 are three commercially available and most widely used 
FSRs. The Interlink FSRs are comprised of a conductive 
surface and inter-digitated electrodes [55]. Typically, their 
resistance changes from 1 MΩ to 10 KΩ for 1 N of applied 
load [56]. LuSense sensors come in different shapes and 
sizes with typical resistances that vary between 1 MΩ and 
2 KΩ for sensing pressure between 0.5 and 100 N/cm2 [57]. 
The FlexiForce A201 FSR consists of two layers of polyes-
ter/polyimide film, which are painted with conductive silver 
ink and laminated with adhesive to form the sensor [58]. 
While the Interlink FSRs are more robust, FlexiForce sen-
sors exhibit better performance in terms of linearity, repeat-
ability, time drift, and dynamic accuracy [59]. Like strain 
gages, piezoresistive FSRs are also point sensors. An array 
of FSRs is required to monitor distributed stresses acting 
on a large surface area such as the residual limb-prosthe-
sis interface. For example, Ruda et al. [60] configured five 
Flexiforce sensors to form an array and embedded it in a 
flexible thin acetate sheet for distributed pressure monitoring 
at residual limb-prosthesis interface. However, stress meas-
urements were not very accurate due to the small surface 
area of each FSR.

The two most widely used and commercially available 
piezoresistive pressure sensors for in-socket pressure meas-
urements are the Rincoe Socket Fitting (RG Rincoe and 
Associates, Golden, CO, USA) [61] and F-Socket system 
[62]. Rincoe Socket Fitting consists of six sensor strips 
between the liner and the prosthesis, where each strip con-
tains 10 discrete sensors separated by 1.5 in. Each sensor dot 
features a resolution of 0.5 psi up to 12 psi.

On the other hand, the FSR-based F-Socket system con-
sists of 96 discrete sensing elements arranged in a 16 × 6 
matrix [63]. The large number of discrete sensors allows it 
to generate higher resolution pressure maps as compared to 
the Rincoe Socket System. Although the F-Socket system 
does not require intricate instrumentation, they need to be 
calibrated according to the manufacturer’s instructions as 
was studied by Luo et al. [64].

Polliack et al. [62] compared the performance of Rincoe 
and F-socket systems for in situ stress measurements at the 
residual limb-prosthesis interface in terms of their accuracy, 
hysteresis, drift, and the effect of surface curvature. The 
experiments were performed in both flatbed and custom-
ized pressure vessels. The Rincoe Socket System exhibited 
an accuracy error of 25% (flatbed) and 33% (pressure vessel) 
with a corresponding 15% (flatbed) and 23% (pressure ves-
sel) hysteresis error, and 7% (flatbed) and 11% (pressure ves-
sel) drift error. The F-Socket system outputted 8% (flatbed) 
and 11% (pressure vessel) accuracy errors, 42% (flatbed) and 
24% (pressure vessel) hysteresis errors, and 12% (flatbed) 
and 33% (pressure vessel) drift errors. These results suggest 
that the F-Socket system performed better. However, one of 

its main drawbacks is its inability to measure shear stresses 
[53]. In addition, it is susceptible to low-frequency response 
errors due to its hysteresis [30, 53].

2.3 � Capacitive sensors

Aside from piezoresistive pressure sensors, capacitive sen-
sors have also been employed for monitoring the pressure 
distribution at the residual limb-prosthesis interface [65–68]. 
The first capacitive interfacial stress sensor designed and 
implemented for this application was by Meier et al. [69]. 
The 2-mm-thick, flexible capacitance sensor exhibited an 
accuracy of 20%. Later, another prototype capacitance 
pressure sensor was designed by Polliack et al. [70] for 
prosthetic socket use, where 16 sensors were mounted in 
a 2.5 × 2.5 × 0.064 cm3 silicone substrate in the form of a 
4 × 4 matrix. The sensor array was highly flexible, capable 
of being stretched to 4%. It also featured a mean flatbed 
accuracy error of 2.42 ± 3.20%, whereas the mean hyster-
esis errors for the flatbed tests were 12.93 ± 4.63%. The 
mean hysteresis errors for the positive mould were simi-
lar at 12.95 ± 8.26%. The prototype sensor demonstrated a 
mean flatbed drift error of 4.40 ± 3.46% and a positive mould 
drift error of 6.20 ± 7.12%. These findings have proved the 
superiority and acceptability of capacitance-based pressure 
sensors over piezoresistive sensors for in situ stress measure-
ments [71, 72]. However, these capacitance-based pressure 
sensors were still unidirectional and suitable for measuring 
only direct applied pressures.

A miniature capacitance-based triaxial load transducer 
was proposed by Williams et  al. [73] for simultaneous 
measurement of normal and shear stresses on the socket 
wall. A 2 g-weight single element piezoelectric copolymer 
poly(vinylidene fluoride-trifluoroethylene) (P(VDF-TrFE))-
based triaxial force transducer that was 10 × 10 × 2.7 mm3 in 
size was proposed by Razian et al. [74]. This sensor was also 
able to measure normal and shear stresses simultaneously. 
Although they exhibited good sensitivity, linearity, less hys-
teresis, and low cross-talk, their temperature dependence and 
sophisticated manufacturing made it difficult for large-scale 
production and use for distributed pressure monitoring.

2.4 � Optical sensors

Fiber Bragg grating (FBG) sensors offer high sensitivity, 
durability, multiplexibility, immunity to electromagnetic 
interference, and resistance to the aggressive environment 
[75–82], and they have been widely used for measuring 
different quantities (e.g., strain, temperature, humidity, 
force, and pressure, to name a few). Kanellos et al. [83] 
developed a highly-sensitive pressure sensor by embed-
ding an FBG sensor in a thin polymeric sheet to form a 
20 × 20 × 2.5 mm3 sensing pad. This FBG sensor exhibited 
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a maximum fractional pressure sensitivity of 12 MPa with 
a spatial resolution of 10 × 10 mm2. It was operated in real-
time and demonstrated minimum hysteresis. The same group 
of researchers found that the sensor pad’s rigidity and dura-
bility are the two main fabrication parameters that can be 
tuned to enhance sensor reliability for in-socket applications 
[84].

As mentioned earlier, the stiffness of the matrix poly-
mer influenced the performance of FBG sensors for stress 
measurements. Different matrix materials were investigated 
by Al-Fakih et al. [85] for attaining the most efficient and 
accurate stress measurements at the residual limb-prosthesis 
interface. The results revealed that harder and thicker matrix 
materials exhibit higher sensitivity and accuracy when used 
in the socket. In a sperate study conducted by the same group 
[86], FBG elements were embedded in a thin layer of epoxy-
based sensing pad for in-socket stress measurements. The 
FBG-instrumented epoxy pad was embedded in a silicone 
polymer to form an in situ pressure sensor. The performance 
of the FBG-epoxy sensor was tested by inserting and inflat-
ing a heavy-duty balloon into the socket using compressed 
air to simulate the similar condition of a transtibial ampu-
tee’s patellar tendon bar. The sensors exhibited a sensitivity 
of 127 pm/N with full-scale output hysteresis of ~ 0.09. This 
study validated the reliability of FBG-based pressure sen-
sors for in situ pressure measurement. However, like many 
piezoresistive pressure sensors, most FBG-based pressure 
sensors could only measure normal stresses. Zhang et al. 
[87] reported a soft polymer-based FBG (PFBG) for simul-
taneously measuring shear and normal stresses. The sen-
sor was fabricated with one horizontal and another inclined 
PFBG embedded in a soft polydimethylsiloxanes (PDMS) 
matrix. The proposed sensor was tested by simultaneously 
applying normal and shear forces. The measured pressure 
sensitivity was found to be 0.8 pm/Pa within the range of 
2.4 kPa, and its shear stress sensitivity was reported to be 
1.3 pm/Pa for a full range of 0.6 kPa.

Optoelectronic sensors have also been used for pressure 
monitoring at human–machine (i.e., residual limb-prosthe-
sis) interfaces. This type of sensors is made of an external 
silicone structure and a printed circuit board that contains an 
array of sensing elements. Each sensing element consists of 
a light transmitter, a light-emitting diode (LED), a receiver, 
and a photodiode. The silicone cover serves as the main 
component for the transduction process. An applied load 
on the sensor deforms the silicone cover, hence exhibiting a 
proportional change in output voltage as the light intensity 
received by the photodiode. However, the performance of 
these sensors was not evaluated for socket prosthesis appli-
cations [88, 89].

Instead, a thin and flexible sensor foil was presented by 
Missinne et al. [90] to monitor shear stresses for medical 
applications. The sensor works on the principle of shear 

stress-dependent coupling change of optical power between 
a Vertical-Cavity Surface-Emitting Laser (VCSEL) and 
a photodiode that was separated by a deformable sensing 
layer of PDMS. Shear stresses up to 139 kPa were measured 
with a sensitivity of − 7.9 µA/kPa in the linear portion of its 
range. A new type of optoelectronic sensor was proposed 
by Lincoln et al. [91], which was fabricated using a com-
mercially available integrated circuit, a printed circuit board, 
and layers of silicone elastomers. Comparatively lower sen-
sor drift, hysteresis, and some temperature sensitivity were 
reported. A similar design principle was used by Cutkosky 
et al. [92], where a VCSEL and a photodiode were assem-
bled in an ultra-thin package and separated by a deformable 
polymer sensing layer. A total of five sensors were employed 
for normal and shear force measurements: one for detecting 
normal loads, two for detecting shear force in one direc-
tion, and the last two for detecting shear in the orthogonal 
direction. As a normal load was applied to the reflective 
material, the interstitial transparent material compressed, 
and the reflective material moved the light source (emitter) 
closer to the light sensor (detector). This caused the detec-
tor to detect an increase in reflected light from the emitter. 
Shear loads were sensed by adding absorptive regions to the 
reflective layer. An applied shear load changed the ratio of 
absorptive to reflective material between the emitter and the 
detector, which changed the amount of light reflecting back 
to the detector. Despite this interesting sensing mechanism, 
optoelectronic sensors may become damaged during nor-
mal gait, and they are also susceptible to electromagnetic 
interference [93].

Different solutions have been proposed and implemented 
to mitigate stress-related issues at the residual limb-pros-
thesis interface. For example, a liner system was used as 
a sock to provide a better cushioning effect on the residual 
limb [94]. A sub-atmospheric suspension system was also 
used to reduce stress-related discomfort by more efficiently 
distributing the applied stresses [28]. The effect of brim-
less interface design was compared with ischial ramus 
containment (IRC) prosthetic sockets when using vacuum-
assisted suspension on persons with a unilateral transfemoral 
amputation. The peak/stance mean pressure in the medial 
proximal aspect of the socket was 322 mmHg in the IRC, 
as compared to 190 mmHg in the brimless condition. Both 
systems provided better friction, thereby ensuring improved 
load transfer from the residual limb to the socket [23].

A variable-impedance prosthetic socket was proposed 
by Sengeh and Herr [71], which was able to reduce pres-
sure intensities at critical locations in the socket. CAD-
CAM were employed to fabricate the socket on the basis of 
biomechanical data obtained through magnetic resonance 
imaging (MRI). The depths of tissue in the residual limb 
was inversely estimated from MRI images and impedance 
characteristics, which were thereafter used to adjust the 



108	 Biomedical Engineering Letters (2020) 10:103–118

1 3

geometry and shape of the socket to reduce contact pressure 
near the bony prominence of the residual limb. Depending 
on the tissue condition of the residual limb, 7–21% reduc-
tion in pressure was achieved. However, this design process 
is computationally intensive and case-specific for every 
amputee.

Another design considered the incorporation of a magne-
torheological (MR) fluid bag in the socket [27]. The volume 
of the socket was adjusted by controlling the volume of the 
MR fluid bags with external magnetic sources. A 100 kPa 
reduction in pressure was achieved by applying a 0.38 T 
magnetic field at the patella area of the socket-residual limb 
system. However, a bulky mechanical and electrical control 
system and the requirement of a high-energy power supply 
are the two main drawbacks of this smart socket system.

3 � Temperature

Amputees with lower limb amputations often suffer from 
thermal discomfort during their regular activities, since the 
reduced surface area of the residual limb often influences 
the thermoregulatory system. This situation often amplifies 
the amputees’ sweating rate, which invariably causes dis-
comfort, irritations, and skin ulceration. In a recent study 
by Ghoseiri et al. [72], it has been reported that ~ 52% of 
the amputees with socket prostheses experience heat-related 
problems and a 1–2 °C rise in temperature in their residual 
limb during regular activities. The mean skin temperature 
of all subjects at the start of the test was 31.4 ± 1.3 °C. The 
temperature rose by 0.8 °C and reached 32.2 ± 1.7 °C at the 
end of the 15 min resting period [95]. This increase in body 
temperature was mainly caused by the poor heat conduction 
property and moisture permeability of the socket materials 
(i.e., the socket and the liner) [96]. Therefore, in addition to 
identifying socket materials that provided adequate frictional 
and stiffness properties, good heat conduction and moisture 
permeability should also be considered.

Ad hoc thermistors were integrated with a socket prosthe-
sis to monitor the interfacial temperature between the resid-
ual limb and socket [97]. The in-socket temperature of five 
transtibial amputees at 14 different locations on the residual 
limb were investigated at four different stages (i.e., donning, 
steady-state resting, initial walking, and steady-state walk-
ing). The results indicated that the thermal dissipation char-
acteristics of the socket and liner restricted heat loss from 
the residual limb, and the temperature increase was larger in 
areas where there was more muscle bulk. In a separate study 
by Huff et al. [98], the temperature at the residual limb-pros-
thesis interface was measured for five transtibial amputees 
wearing different socket systems. The subjects were asked 
to sit for 15 min, followed by 10 min of treadmill walk-
ing. Temperature was measured using 14 thermistors, and 

38-gage wires were employed for connecting them with the 
data acquisition system. The results indicated that tempera-
ture varied with activity and location on the limb. However, 
multiple wire failures were reported at the distal posterior 
location. In addition, the duration of the experiments was too 
short to reach steady-state temperature during the activities 
[97]. Thus, the experimental design was modified to better 
quantify temperature at the skin-prosthesis interface during 
a 2.5 h protocol that included periods of resting and activ-
ity [98]. Here, 16 Thermometrics MA100GG thermistors 
with 2-mm-sensor head diameter were connected to a data 
acquisition system with a BNC-2090 analog to digital (A/D) 
board. The 28-gage wires that connected the thermistors to 
the data acquisition system were used to reduce the inci-
dence of wire failure. An average steady-state temperature 
of 29.5 °C ± 0.9 °C was recorded during the last minute of 
the 1-h rest period. The residual limb temperature increased 
to 32.6 °C ± 0.8 °C after 30 min of treadmill walking. The 
temperature reached a maximum of 32.8 °C and thereafter 
decreased to 32.6 °C ± 0.6 °C during the last minute of the 
final rest period. It was found that, at the end of the final 1-h 
rest period, skin temperature did not return to their initial 
rest period values.

Attempts have been made to mitigate these temperature-
related issues by designing well-perforated fabrics that can 
be easily integrated with the socket and liner. A breathable 
liner system was proposed by Caldwell et al. [99] to mitigate 
problems due to heat and sweating in the socket. A silicone-
based prosthesis liner was perforated to expel sweat and heat 
from the lower-limb prosthesis. Holes were intentionally 
made approximately 1 cm apart using a perforating tool. 
The initial clinical experience with this technique suggested 
that expulsion of sweat occurred, and user feedback indi-
cated improved prosthesis performance. Bartlet et al. [100] 
proposed a new liner, which was made of spacer fabric in 
combination with a partial silicone coating, to maintain the 
functionality of the skin inside the socket. The temperature 
inside the socket was regulated based on the liner’s perme-
ability to gas and humidity. The sides of the prosthesis fac-
ing the skin were provided with bacteriostatic fibers that 
contained silver ions (Ag+). Ag+ prevents bacterial growth 
in the socket and helped reduce odors. Fibers with large 
surfaces were also included in the middle layer of the liner 
textile to expel moisture.

A phase change material (PCM) was incorporated in 
smartTemp liner [101]. It was reported that the mean 
increase in temperature of the residual limb during activity 
was 0.2 °C lower when wearing the smartTemp liner ver-
sus the placebo liner. Overall, the temperature was ~ 0.9 °C 
lower at the end of daily activities. A new cooling device 
that could maintain a constant temperature on the resid-
ual limb surface was proposed by Han et al. [102]. The 
excess metabolic heat in the residual limb was removed 
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by a cooling pipe and dissipated to an external ice pack. A 
cooling capacity ranging from 6.6 to 15.6 W was achieved 
by using a flow channel array. It was demonstrated that 
under two simulated walking activities, skin temperature 
was kept constant (31.4 °C ± 0.2 °C) by using the proposed 
cooling system. These results demonstrated the device’s 
ability of removing excess heat from the residual limb 
during regular physical activities of amputees. Ghoseiri 
et al. [103] proposed a smart thermoregulatory system for 
temperature control in the socket prosthesis. The system 
was designed and installed in a phantom model of a pros-
thetic socket. It captured temperature data from 16 discrete 
sensors positioned at the interface between the phantom 
model and a silicone liner. The average of the collected set 
of measurements was compared with a predefined temper-
ature value in order for the system to apply necessary heat-
ing or cooling to achieve thermal equilibrium. A thin layer 
of aluminum sheet was used to ensure good heat transfer 
between the thermal pump and sites around the phantom 
model. To decrease the prosthetic socket’s thermal resist-
ance, heat pipes were used to concentrate heat flux from 
the residual limb’s skin surface to a cooling region on 
the outer surface of the socket where a compact heat sink 
was attached. A small fan was used to convect heat from 
the heat sink to the ambient surroundings. Experiments 
showed that the cooling capacity of the prototype device 
ranged from 2.1 to 7.0 W at an ambient temperature of 
23 °C. The analysis showed that the device could poten-
tially maintain a constant skin temperature for a 9.4 W 
thermal load [104]. Furthermore, the prosthetic socket was 
modified by incorporating a helical cooling channel within 
the socket wall using additive manufacturing [105]. Com-
puter simulations and laboratory experiments were per-
formed to assess the ability of the modified design to cre-
ate a greater temperature difference across the socket wall. 
It was found that the modified socket exhibited greater 
temperature differences of 11.11 °C and 6.41 °C based 
on numerical simulations and experiments, respectively. 
These findings suggested that cooling channel-assisted 
prosthesis could provide effective temperature control of 
an amputee’s residual limb.

Zhe et al. [106] proposed a modified socket with a heat 
pipe, including a working fluid and a wicking structure. 
The heat pipe had a socket section and a heat sink that was 
extended along its length through the socket wall. The work-
ing fluid had a boiling point from about 0 to 90 °C. The 
working fluid could be selected in such a way that it could 
evaporate to form vapor due to heat from the residual limb 
in the socket, thus drawing latent heat of vaporization from 
the residual limb. A porous wicking material, attached to 
a hypobaric assisted vacuum liner, was also suggested to 
allow moisture escapement [107]. A dedicated liner with 
different conical holes was proposed [108], where the holes 

were placed to eliminate moisture at the skin through airflow 
channels used also for the suspension.

4 � Volume fluctuations

The volume of the residual limb experiences short- and 
long-term changes due to fluid level fluctuations. Therefore, 
socket fitment should be optimized to consider these vol-
ume fluctuations. It was reported that a maximum decrease 
of 11% decrement and an increase of 7% in residual limb 
volume can be observed during an amputee’s daily activi-
ties [109]. However, just a 3.5% volume change is sufficient 
to cause a high-level discomfort [110]. A decrease in the 
volume of the residual limb can lead to excessive relative 
displacement between the residual limb and socket. On the 
other hand, the amputee can experience excessive shear 
stress and normal pressure in the case of volume enhance-
ment [109]. Different techniques are available for measuring 
volume fluctuations, including the use of water displacement 
techniques [111], optical scanning [112, 113] contact probes 
[114], ultrasound [115], computed tomography (CT) scan-
ning [116], laser scanning [117], MRI [118], and bioimped-
ance measurements [119].

Inflatable insert products were used to overcome vol-
ume change of the residual limb under compressive load-
ing conditions. Sanders et al. [120] reviewed the mechani-
cal features of commercially available air-filled bladders. 
Pressure-loss tests under static loading demonstrated that, 
after inserts were inflated to 43.4–45.6 kPa, insert pressures 
reduced from 0.09%/min to 1.36%/min in the first 5 min and 
from 0.00%/min to 0.27%/min in the subsequent 55 min. 
This result suggests that the stress to resist insert expan-
sion was better absorbed by the residual limb and socket 
than by the insert itself. However, high air pressure should 
be maintained throughout the process to mitigate the effect 
of volume fluctuation of the residual limb. Underinfla-
tion could result in inadequate support, while overinfla-
tion could induce localized tissue compression [121]. On 
the other hand, Carrigan et al. [122] showed an effort to 
develop adjustable inserts that consisted of arrays of small, 
sensorized, inflatable pressure actuators. Here, an F-Socket 
system was used to measure the pressure distribution at the 
residual limb-prosthesis interface. An air supply, compris-
ing of a pump and air pressure regulator, was distributed 
to the inserts through a solenoid manifold to control each 
individual actuator on the basis of the measured pressure 
distribution. The actuators then expanded in response to 
residual limb volume change.

It was arguably more challenging to control volume 
change by means of air inflation than by using fluid [123]. 
A fluid-controlled actuation system was proposed by Green-
wald et  al. [121] to compensate for the residual limb’s 
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volume change. The system consists of a fluid reservoir, a 
mechanical control circuit, and an array of discrete blad-
ders located inside the socket. Water was used as the work-
ing fluid, which was drawn from the reservoir and supplied 
to the bladders. Another fluidic solution was one based on 
MR fluids [27]. Fluidic flexible matrix composite wafers 
(f2mc) were integrated into the prosthetic socket for volume 
regulation. These wafers were connected to a reservoir, and 
contain an internal fluid. Fluid flow between the tubes and 
reservoir was controlled by valves. The f2mc demonstrated 
more than 300% increase in volume and potentially several 
orders of magnitudes of changes in stiffness. The experi-
ments conducted using a prosthetic socket showed that the 
flexible matrix composite wafers could be used to mitigate 
the effects of volume changes [124].

Instead of an active actuation system, the mechani-
cal design of the socket can also be modified to mitigate 
the effects of residual limb volume fluctuations. A mov-
able panel-based socket system was introduced by several 
researchers, where fitment could be adjusted manually 
through the use of straps [125, 126] and clamps [127, 128]. 
The Infinite Socket™ (LIM Innovations, San Francisco, 
CA, USA) is a commercially available, adjustable, custom-
molded, four-strut design combined with a textile brim and 
tensioner [129]. The dynamic frame of the Infinite socket™ 
has a textile interface that is low in friction, anti-microbial, 
durable, and washable [28]. Adjustments can be made by 
both the clinicians and patients to manage long-term and 
daily volume fluctuations. The pivoting and sliding connec-
tion between the struts and base provides additional flex-
ibility in adjustability and shock absorption. However, to 
avoid excessive tightening, which could result in severe 
consequences over time (e.g., stump deformation and mass 
loss), these prosthetic systems should evolve and become 
fully automated and self-adjustable based on sensor inputs.

5 � Other socket issues and their solutions

Although the aforementioned factors are the three key 
parameters that need to be monitored for maximizing ampu-
tee comfort, there exist other issues that also affect socket 
and amputee performance. For instance, walking on vary-
ing terrains remains challenging for amputees with lower 
limb amputations. Different structural components of the 
amputated lower limb (e.g., ankle joint) are adaptive in 
nature, which can change their stiffness to perform dorsiflex-
ion–plantarflexion and provide propulsion power for walk-
ing. Conventional socket prostheses today do not provide 
such adaptive features, which results in amputees suffering 
from poor gait during activities such as normal walking. 
Therefore, monitoring gait patterns and gait phases could 
be useful for future designs of advanced prosthetic systems, 

especially if next-generation smart socket prostheses con-
tain actuators and dampers that require sensory feedback for 
achieving optimal control. On the other hand, the skin on the 
residual limb are vulnerable to skin-related issues and infec-
tions. If a good skin condition cannot be ensured, infection 
can occur, and the prosthesis cannot be worn. In this section, 
sensing technologies and measurement strategies to monitor 
and assist gait are briefly reviewed. Infection monitoring 
strategies are also summarized.

5.1 � Gait monitoring and assistive technologies

Among many data collection methods used for gait analysis, 
the stereometric method is the most popular and widely used 
[130]. Visible markers are attached directly onto the skin 
of the body, and their motions are tracked through imaging 
equipment. In general, charge-coupled device (CCD) cam-
eras and frame-grabber electronics are employed to capture 
digital images of the amputees while walking. Digital image 
analysis is performed to extract the exact location of the 
markers using triangulation of different camera viewpoints. 
For example, a VICON commercial system was used by 
Koktas et al. [131] for gait analysis. Amputees were asked 
to walk on the platform. Temporal change of joint angles, 
joint moments, joint powers, force ratios, and time–distance 
parameters were recorded. In this study, a semi-automated 
gait classification system was designed and implemented for 
gait analysis. The gait data were categorized by combining 
the joint angle and time–distance data by multilayer per-
ceptrons (MLPs) classifiers. In general, since this technique 
uses visual markers and does not require active sensors to 
be attached to the patient, this technique has a minimum 
effect on the natural motion of the amputees. However, mul-
tiple sets of walking data need to be collected to study the 
amputee’s gait pattern, since it cannot be quantified from 
a single traversal of the instrumented walkway [130]. Fur-
thermore, prolonged walking on the walkway may cause 
amputee fatigue.

Besides such video-based gait analysis methods, the auto-
matic classification of gait phases has been done using FSRs. 
An FSR-based on-shoe device was proposed by Morris 
et al. [132] for continuous and real-time monitoring of gait. 
Wireless transmission of the measured data was achieved to 
provide real-time information about the three-dimensional 
motion, position, and pressure distribution of the foot. A pat-
tern recognition algorithm was implemented to analyze the 
collected data in real-time, and the results were compared 
with a commercial optical gait analysis system. Although 
FSRs embedded in the shoe soles can serve as footswitches 
[133], they often fail to classify foot flat [134].

On the other hand, Williamson and Andrews [135] used 
accelerometers for gait event detection. An array of accel-
erometers was worn by a subject on the shank of the leg. 
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The ADXL05 uniaxial accelerometer was selected for its 
high signal-to-noise ratio. A 12-bit analog to digital con-
verter (NI-DAQ AT-MIO 16L board, National Instruments 
Inc.) with a sampling frequency of 100 Hz was employed 
to record the signals. It was demonstrated that the vibration 
data measured by the accelerometers could be used to train 
a machine-learning algorithm to reliably detect the various 
phases of gait. Similarly, built-in accelerometers in smart 
mobile devices were also used for gait measurements. Today, 
many smart mobile devices have accelerometers to detect 
their orientation. Chan et al. [136] explored the capabili-
ties of the embedded accelerometers of iPhones to identify 
different gait events, while the subject was engaged to walk 
along a flat surface. It was shown that iPhone-recorded 
acceleration data could be used to detect steps, stride time, 
and cadence. However, the position of the iPhone should be 
judiciously selected to obtain the most meaningful accelera-
tion data with minimal noise.

Since the lower limb’s angular velocity has distinct signal 
features during heel-strike and toe-off [134], Aminian et al. 
[137] used a gyroscope to measure the angular movement 
of the lower limbs of subjects during walking. In short, a 
gyroscope consists of a vibrating component coupled with a 
sensing element for Coriolis force measurement. The study 
was intended to estimate spatial–temporal parameters dur-
ing long periods of walking. Three miniature low-power 
piezoelectric gyroscopes (Murata, ENC-03J) were used for 
measurements. The measured signals were amplified, and 
noise was removed with a low-pass filter. The gyroscopes 
were directly mounted to each shank and the right thigh of 
the amputees using a rubber band. The signals were digitized 
using a portable data logger (Physilog, BioAGM, CH) that 
sampled data at 200 Hz. A wavelet transformation-based 
algorithm was implemented to compute gait parameters 
from the measured angular velocities of the lower limbs. In 
contrast to accelerometers, gyroscope measurements do not 
depend on the position of the sensors. [138] The gyroscope-
measured angular velocity is less noisy, since rotational 
motion is calculated by integrating the recorded data. How-
ever, gyroscope measurement is sensitive to shock due to 
the mechanical fastening of the beam inside the gyroscope.

In addition to measure the angular motion of the resid-
ual limb, it is important to estimate the forces exerted by 
the residual limb on the socket prostheses during walk-
ing for analyzing the gait cycle [134]. Pappas et al. [139] 
employed three FSRs with a miniature gyroscope for force 
and angular velocity measurements during gait cycles. The 
FSRs were employed to measure load on a shoe insole, 
and the gyroscope measured the rotational velocity of the 
foot. Indoor and outdoor experiments were performed on 
subjects with impaired gaits. It was shown that the system 
could accurately and reliably detect various phases of gait 
(e.g., stance, heel-off, swing, and heel-strike). In addition, 

the proposed method could distinguish between the feet 
sliding and true walking, as well as shifting of the weight 
from one leg to the other.

Apart from motion and force measuring sensors, dif-
ferent kinds of stimuli are also used to study the motion 
of the residual limb within socket prostheses during gait. 
Radiographic techniques were used by several groups to 
analyze residual tibial movement within transtibial sockets 
[140–142] and residual femoral movement within trans-
femoral sockets [143–145]. However, ionizing radiation 
used in radiography limits its application for gait monitor-
ing of amputees. As a result, they are only used for static 
analysis at simulated instants of the gait cycle. Since ultra-
sound does not have any known detrimental health effects, 
it was used to monitor the static position of the residual 
femur in transfemoral sockets during gait [146]. Measure-
ments were recorded from two simultaneously transmit-
ting ultrasound transducers. It was found that the pattern 
of femoral motion was consistent with a rapid change in 
motion during the early and late prosthetic stance phase. 
However, this method was unable to determine the cor-
rect orientation of the socket relative to the ground from a 
partial gait analysis study.

In addition to the variety of sensing technologies for gait 
monitoring, researchers have proposed various systems for 
assisting patients with impaired gait. For example, Ward 
et al. [147] developed a modified walking frame with a link-
age system to assist patients to perform normal gait. The 
device was named the R-Link Trainer (RLT). It was found 
that peak hip extension and knee flexion were reduced bilat-
erally when walking with the RLT. Constrained limb (i.e., 
the left limb) experienced a significantly increased peak 
hip flexion, while peak plantarflexion was significantly 
reduced. The right limb experienced a late peak knee flex-
ion and plantarflexion. A significant bilateral reduction in 
peak electromyography amplitude occurred when walking in 
the RLT. This study validated that RLT imposes significant 
constraints along with asymmetries in lower limb kinematics 
and muscle activity patterns. McDaid et al. [148] presented a 
multi-input multi-output (MIOM) force controller for ankle 
rehabilitation. This MIMO actuator force controller was 
designed in such a way that the gains along the decoupled 
directions could be pushed closer to their corresponding gain 
margins. Kora et al. [149] developed a new gait rehabilitation 
device termed the “Linkage Design Gait Trainer,” which was 
based on a simple walking frame. This frame was designed 
following the four-bar linkage “end-effector” mechanism to 
generate normal gait trajectories during daily activities. It 
was shown that the proposed mechanism could assist the leg 
of the user during over-ground walking. Although these gait 
assisting technologies were not proposed for amputees with 
socket prostheses, their designs and implementation proce-
dures could be adjusted in the future to serve such purposes.
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5.2 � Infection monitoring

Besides gait monitoring, inflammation and infection moni-
toring in the residual limb is also important for patients liv-
ing with socket prostheses. Cutti et al. [150] explored the 
potential of infrared thermography with wearable devices 
to monitor the temperature and relative humidity inside the 
socket. A thermal imaging camera was employed to meas-
ure the superficial temperature distribution of the residual 
limb. Parallel measurements through thermal imaging 
cameras and wearable sensors provided complimentary 
information. A 20% increment in hot areas were found 
after walking as compared to resting. Humidity inside the 
socket increased ~ 4.1 ± 2.3% because of the sweat pro-
duced. Increased temperature and excessive humidity inside 
the socket prostheses could be a sign of skin inflammation 
and infection. Hence, temperature and humidity monitor-
ing inside the socket could be useful for early prevention of 
skin-related issues in the residual limb.

There is little published data related to the diagnosis of 
stump infections. It was found that poor hygiene is respon-
sible for most of the bacterial and fungus infections in the 
residual limb of the amputees [151]. Regular inspection and 
cleaning of the residual limb can prevent most of infections 
caused by various microorganisms. A so-called “sausage-
toe”-like red swollen mark on the stump often indicate an 
infection in the form of osteomyelitis [152]. Physicians gen-
erally perform a “probe-to-bone” test, where a sterile blunt 
metal probe is used to probe an ulcer in the residual limb. 
A gritty or stony feeling of bone indicates the presence of 
osteomyelitis [153, 154]. Besides such clinical diagnostic 
approaches, blood tests are often performed to identify infec-
tions in the human body. Erythrocyte sedimentation rate 
(ESR) and C-reactive protein (CRP) are extensively used to 
detect infections [155]. Three-phase technetium bone scan-
ning, leukocyte scanning, labeled immunoglobulins, and 
labeled anti-white cell monoclonal antibodies are some of 
the widely used isotope scanning scintigraphy techniques 
for infection diagnosis [156, 157]. Despite some promising 
results, none of them has emerged as a reliable, robust, and 
useful method for infection detection, especially if monitor-
ing is needed over extended periods of time.

In addition to the aforementioned methods, imaging of 
the residual limb can be helpful for early detection of infec-
tion in the residual limb [158]. Traditional X-ray imaging 
could be beneficial for detecting infection in the residual 
limb. By using X-ray imaging, the condition of the skel-
etal and soft tissues could be monitored [159]. CT and 
MRI are two of the most widely used imaging techniques 
to detect subcutaneous infection in the human body [158, 
160]. Although MRI is considered the best imaging modality 
for diagnosis of various infections, there could be problems 
related to the interpretation of MRI images, especially after 

any surgery or due to artifacts produced by metallic implants 
[161, 162]. Dutronc et al. [163] made an observational study 
on 72 patients with lower-limb amputation. Ultrasonography 
and CT scan coupled with fistulography were used to diag-
nose the extension of infection. It was found that 44% of the 
patients needed surgical revision in addition to antibiotic 
treatment. Although these imaging techniques have high 
accuracy and reliability, the patients need to visit special-
ized facilities for imaging and for receiving treatment. The 
imaging instruments are also bulky, which eliminates the 
possibility of in situ applications. Furthermore, a patient’s 
residual limb needs to be exposed to harmful radiation that 
would cause detrimental health effects at high doses.

Among all of these abovementioned techniques, bone-
biopsy is regarded as the most robust method to detect infec-
tion. Specimens are obtained from a previously unexposed 
bone to culture the bacteria to determine the cause of infec-
tion. However, a limited amount of materials obtained for 
culture can be problematic as it may cause false-negative 
results [164, 165].

On the other hand, infection often occurs due to micro-
bial attack, which causes a change in pH of the infected 
cells [166]. Gupta and Loh [167] developed a pH-sensitive 
nanocomposite thin film sensor for monitoring infection in 
implantable prostheses. Thin films can be deposited onto the 
surface of osseointegrated prostheses prior to the implant 
surgery and can stay inside the human body, functioning 
as a passive (unpowered) sensor. The dielectric property of 
the thin film changes due to a change in pH of its surround-
ings in response to infection. A noncontanct, portable, and 
radiation-free imaging technique was developed and imple-
mented to map the cross-sectional distribution of dielectric 
properties of the residual limb and embedded passive sensor. 
Experimental test results showed that the proposed electrical 
capacitance tomography approach could detect changing pH 
environments in a noncontact fashion. Although this tech-
nique was proposed for infection monitoring at the tissue-
prosthesis interface of the amputees with osseointegrated 
prostheses, its application can be potentially extended for 
socket prosthesis applications.

6 � Future outlook

In general, there still remains a significant challenge around 
data the future of smart and connected sockets is promising, 
but several challenges still lie ahead. An important basis 
for optimal and long-term management of amputees is an 
in-depth understanding of the patient and the functional con-
sequences of the amputation. A comprehensive understand-
ing of the amputee and their environment, as well as sound 
objectives and functional outcome measures, are impor-
tant to obtain. Establishing prosthetic socket effectiveness 
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guidelines will provide a much-needed tool to deliver the 
best prosthetic care to individuals who have sustained lower 
limb extremity loss. Sensor technology provides the next 
technological solution to explore and address this lack of 
data. Understanding the integration of sensor technology 
with prosthetic devices and their ability to relay real-time 
biological and mechanical data to the amputee will be a key 
concept in the rehabilitative process. The strategy of lever-
aging cloud computing algorithms and machine learning to 
process and relay this information to an end-user application 
will have vast implications including the opportunity to use 
telehealth platforms, the potential integration of patient-
reported outcomes into electronic health record (HER) 
systems and the ability to improve the collection clinical 
outcome metrics. The goal is to include early identification 
of physical conditions affecting performance and efficient 
recovery to optimize physical wellness.

As discussed earlier, many of the sensors used today are 
point sensors and focus only on measuring a single parame-
ter. Nanotechnology-enabled sensors can potentially provide 
more suitable sensing solutions for next-generation socket 
prostheses. For example, Wang et al. [19, 168] developed a 
fabric-based sensor that conforms to the interior of a socket 
prosthesis and maps the pressure distribution at the human-
socket interface. The carbon nanotube-based thin film sensor 
can be integrated with socket liners, while electrical imped-
ance tomography could map pressure distributions using 
only a limited number of measurements. Furthermore, bio-
impedance measurements can also be implemented to pro-
vide deeper insights regarding limb conditions and volume 
fluctuations. However, this technique has not yet transitioned 
from the research arena to clinical practice. More research 
is required to design appropriate instruments, clinical pro-
tocols, and algorithms to interpret bioimpedance sensor 
data. Overall, the future direction points to the development 
of multi-modal sensors that can selectively and simultane-
ously measure multiple parameters necessary for assessing 
residual limb health and socket performance.

The development of higher performance sensors and 
real-time sensors that offer distributed measurement capa-
bilities and more data will ultimately provide more detailed 
information regarding residual limb health. These sensing 
streams will serve as the basis for which self-adjusting sock-
ets can be realized, where socket and liner properties (e.g., 
stiffness) can be autonomously varied to ensure optimal fit-
ment and comfort. For example, an electromagnetic exci-
tation system can be actuated based on recorded pressure 
maps to selectively alter the stiffness of MR fluid at precise 
locations [169]. Such smart sockets that feature active stiff-
ness modulation and a sensor-driven closed-loop control 
system can simultaneously address pressure-, temperature-, 
and volume-related issues autonomously. Besides reliev-
ing pressure hotspots and accommodating changes in limb 

volumes, future smart sockets should be able to adjust their 
properties for maximizing patient comfort.

Realization of smart socket prostheses further opens up 
opportunities for developing a “digital twin” of the residual 
limb and socket system or of the patient as a whole. A digi-
tal twin is a digital representation of a physical object or 
system [170]. Today, digital twins have been developed and 
proposed for a wide variety of systems such as buildings, 
factories, airplane, and space shuttles. This concept can be 
further expanded for an amputee’s residual limb and socket 
to better understand and predict patient comfort and health. 
Information acquired from different digital twins can also 
help refine and guide future smart socket designs. Digital 
twin simulations can be conducted to characterize how dif-
ferent socket designs and inputs would affect socket perfor-
mance. For instance, physicians can use the digital twin to 
test socket alterations before implementing them in clinical 
settings.

7 � Summary

Lower limb prostheses have significantly advanced in all 
respects except for the socket, but traditional prosthetic 
socket technology and methods have seen little advancement 
in the past 50 years. The inability for conventional sockets to 
respond to the daily needs of amputees leads to short-term 
and long-term consequences. In fact, most amputees require 
multiple replacement sockets per year, with many ampu-
tees abandoning their socket prostheses due to discomfort 
and poor fitment. It has been found that volume fluctua-
tions, unequal stress distributions at the residual limb-socket 
interface, and temperature inside the socket prosthesis are 
major issues that ultimately lead to amputees abandoning 
their prostheses. As discussed earlier, interfacial stress at the 
residual limb-prosthesis interface should be measured. Simi-
larly, proper and comfortable socket fitment of the socket 
is challenging due to volume fluctuations of the residual 
limb, especially during the early post-surgery period [171]. 
Thus, the development and integration of advanced mate-
rials, electronic systems, miniaturized distributed sensors, 
and efficient actuators will pave way for the design of next-
generation smart sockets. These smart sockets will not only 
be able to sense the level of amputee discomfort but will 
also be able to self-adjust itself to relieve interfacial stresses, 
volume changes, and temperature fluctuations in real-time.
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