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Chapter 1: Introduction 

1.1 Motivation and Background 

 
Of the over 325 million people residing in the U.S., 5.4 million live with paralysis from various 
causes [1]. Stroke is the most prevalent cause (33.7%), followed by spinal cord injury (27.3%), 
multiple sclerosis (18.6%), and cerebral palsy (8.3%) [1]. There are also over 2 million persons with 
lower-limb amputation in the United States, a number increasing by almost 200,000 each year [2]. 
Paralysis and amputation often result in secondary conditions and reduced mobility [2], [3], 
decreasing quality of life. The 50 million Americans over the age of 65 also increasingly display 
musculoskeletal deficiencies [4]–[7], including muscle and tendon weakness[5], [6], slower 
walking speeds[6], as well as decreased bone and muscle mass [6]. In addition, there is an 
increasing awareness and drive to prevent musculoskeletal injuries for otherwise healthy 
individuals who experience injuries (e.g., spinal disc rupture or tibial fracture) due to repetitive 
tasks (e.g., running, lifting, leaning) [8], [9]. 
 
For many populations with the complications of locomotor disability, exoskeletons (i.e., rigid 
exoskeletons, soft exosuits, and other wearable assistive devices) give promise of increasing 
mobility and reducing secondary conditions, improving quality of life. For others such as the 
uninjured, these wearable assistive devices offer the potential to prevent potentially debilitating 
injuries from repetitive stresses on the body. Exoskeleton research (and the number of new 
devices) has increased exponentially over the last decade. Exoskeletons have been developed to 
augment clinical populations [10]–[13], and demonstrated biomechanical improvements such as 
metabolic cost [10], symmetry [10], as well kinematics and kinetics [12], [13]. Research is also 
being conducted to integrate exoskeleton devices into traditional prostheses, with potential 
benefits in metabolic cost, kinetics and muscle activation [14]–[16]. In addition, multiple 
exoskeletons have been developed to augment healthy populations in walking [17]–[20] and have 
demonstrated biomechanical benefits in metabolic cost [17]–[19] as well as muscle activation 
[17]. Still more devices have developed for reducing repetitive stress injuries for leaning and 
lifting, both for the back and shoulders, demonstrating potential to reduce worker effort and long 
term injury risk [8], [9], [21]–[23]. The broad variety of new devices, considerable benefits to users 
and explosive growth of the exoskeleton market [24], all indicate that exoskeleton technology will 
have a marked effect on the future of human augmentation technology. Please note that we use 
the term exoskeleton throughout this work to refer to the broad spectrum of mobile wearable 
assistive devices, including rigid exoskeletons, soft exosuits, and powered ankle foot orthoses 
(AFOs). However, individual chapters are self-contained and may use slightly different definitions 
or terms due to the lack of agreement in the scientific community on nomenclature for wearable 
assistive devices, and the fact that these works were written over several years. 
 
While exoskeletons have made progress in improving biomechanical outcomes, there remain 
several areas for improvement in the technology. This includes hardware such as motors, 
batteries and transmissions [21], [25]–[29] and physical interfaces [21], [25], [26]. Also needed are 
advanced controllers to improve exoskeleton effectiveness [21], [25], [28], [29]. User safety [25], 
[29] and the lack of empirical published results [7], [21], [25] should also be remedied in future 
work. 
 



 

2 
 

One of these components, and the key focus of this dissertation, is the physical interface that links 
exoskeletons and to the human user and contributes to controllability, device form-factor, user 
comfort and real-world practicality. Physical interfaces are highlighted throughout scientific 
literature as a critical research area for exoskeletons [21], [25]–[27], [30]–[35]. As interfaces are 
the only physical link between an exoskeleton and the human, these structures transmit power 
between them. Interface dynamics can affect this power transfer and change effective stiffness 
between the exoskeleton and the body [21], [36], [37]. Despite the importance of interfaces for 
the performance of exoskeletons, relatively few quantitative studies have examined this topic in 
literature. While a few studies have researched interface dynamics [38]–[42], these effects are 
largely overlooked in exoskeleton design [21], [25], [26]. 
 
The themes of this work are understanding the dynamic interaction between soft exosuits (a 
subset of exoskeletons) and humans and the effects of step frequency on human locomotion. I 
examined the design of physical interfaces, the dynamics of human-exosuit physical interaction, 
and applied these insights to the implementation of a new class of interfaces and exosuit designs. 
I also explored the effects of chosen step frequency on the metabolic cost of walking. My hope is 
that this work can propel exosuits, exoskeletons, and other wearable assistive technologies to be 
more effective, more inexpensive, and more usable in order to improve quality of life in human 
society. 

1.2 Dissertation Overview 

 

The subject matter is divided into four chapters.  

 Chapter 2 describes a new methodological approach to quickly measure power transfer 
from exosuits to humans with common biomechanical measurement modalities.  

 Chapter 3, presents a characterization of the comfort limits of individuals when applying 
forces to exosuit interfaces attached to the shoulders, thigh and shank.  

 Chapter 4 describes a new assistive ankle exosuit design that uses a novel under-the-shoe 
clutch and a compliant interface to fit underneath clothes.  

 Chapter 5 describes the energetics and kinetics of barefoot vs. shod walking. 

1.3 Dissertation Contributions 

 

The primary contribution of Chapter 2 is a new methodology to quickly measure exosuit-human 
physical dynamics without time-consuming individual tests of system components, by utilizing 
data from commonly used gait analysis techniques. This is also the first approach to measure the 
dynamics of multiple individual interfaces concurrently, rather than computing a lump sum of 
interface power transfer. This work, entitled “Physical interface dynamics alter how robotic 
exosuits augment human movement: implications for optimizing wearable assistive devices,” was 
published in the Journal of NeuroEngineering and Rehabilitation in May 2017 [43]. 
 
[43] M. B. Yandell, B. T. Quinlivan, D. Popov, C. Walsh, and K. E. Zelik, “Physical interface dynamics 
alter how robotic exosuits augment human movement: implications for optimizing wearable 
assistive devices,” Journal of NeuroEngineering and Rehabilitation, vol. 14, p. 40, May 2017. 
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The primary contribution of Chapter 3 is the characterization of the comfort limits of individuals 
when applying forces to exosuit interfaces attached to the shoulders, thigh and shank. This is first 
study to characterize these comfort limits and compare differences between subjects, testing 
days, and multiple force rates. This work, entitled “Characterizing the Comfort Limits of Forces 
Applied to the Shoulders, Thigh and Shank to Inform Exosuit Design”, will be submitted for 
publication to the Journal Biomechanics. 
 
The primary contribution of Chapter 4 is the design of a novel unpowered ankle exosuit that is low 
profile, lightweight, quiet, adaptable to different walking speeds, low cost to manufacture, and 
not restrictive of non-sagittal degrees-of-freedom; while still providing assistive ankle torque that 
can reduces demands on the biological calf musculatures. This work, entitled “Design of a Low 
Profile, Unpowered Ankle Exoskeleton That Fits Under Clothes: Overcoming Practical Barriers to 
Widespread Societal Adoption,” was published in IEEE Transactions on Neural Systems and 
Rehabilitation Engineering in March 2019 [44]. Extended commentary on the interface design 
used in this study, which is the culmination of extensive iterative pilot testing, can be seen in 
Appendix A. 
 
[44] M. B. Yandell, J. R. Tacca, and K. E. Zelik, “Design of a Low Profile, Unpowered Ankle 
Exoskeleton That Fits Under Clothes: Overcoming Practical Barriers to Widespread Societal 
Adoption,” IEEE Transactions on Neural Systems and Rehabilitation Engineering, vol. 27, no. 4, pp. 
712–723, Apr. 2019. 
 
Chapter 5 is a departure from the rest of this dissertation. This basic research in human walking 
biomechanics was the first study I conducted as I gained familiarity with biomechanical testing 
techniques and equipment. This work has implications for how simple wearable interfaces (in this 
case, shoes interfacing with the ground) can affect human movement biomechanics. This work 
attempts to answer the fundamental question: “Why do humans change their step frequency 
when switching between shod and barefoot walking?” This is the first work to thoroughly analyze 
the metabolic cost of walking at step frequencies at or near that naturally selected by human 
walkers. This work demonstrates that averaged metabolic data can obscure trends and that 
humans do not necessarily choose a metabolically optimal step frequency. This work, entitled 
“Preferred Barefoot Step Frequency is Influenced by Factors Beyond Minimizing Metabolic Rate,” 
was published in Nature Scientific Reports in March 2016 [45]. 
 
[45] M. B. Yandell and K. E. Zelik, “Preferred Barefoot Step Frequency is Influenced by Factors 
Beyond Minimizing Metabolic Rate,” Sci Rep, vol. 6, Mar. 2016. 

1.4 Other Contributions 

 
In addition to the formally published work detailed in this dissertation, other related projects 
were conducted during the course of my graduate work. First, extensive exploration of different 
designs for attaching interfaces to the body was conducted for use in exoskeletons. This work 
involved identifying methods for effective interface design, the selection of high-performance 
materials, and the experimental testing of these designs for efficacy. This work is detailed in 
Appendix A. The second contribution was to the design, development and testing of a garment-
like exosuit to offload the low back. This work was an extension of the previous interface design 
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work, and involved the iterative design and testing of different garment designs to enhance 
assistance and comfort. In addition, I contributed to the design of a mechanical actuation 
mechanism to activate and deactivate this exosuit. My third contribution was a method to model 
the physical characteristics of exosuit interfaces. This work demonstrated that common exosuit 
interfaces can be quickly approximated using viscoelastic models. This research could contribute 
to improved control of exosuit devices in both rehabilitation and human augmentation contexts. 
Finally, my work included integrating a robotic actuator system for human device studies with our 
research facilities. Once integrated, I designed hardware for interfacing these actuators with the 
human body for assistive device testing. In conjunction with an iterative learning controller I 
developed, this hardware was used to demonstrate that the actuators could emulate 
gastrocnemius muscle function, assisting the user during stance while being unobtrusive during 
swing. This work is an ongoing research project in the Zelik Lab for Biomechanics and Assistive 
Technology as part of the Center for Rehabilitation Engineering and Assistive Technology 
(CREATE).
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Chapter 2: Measuring Power Transfer from Exosuits to Humans 

2.1 Chapter 2 Summary 

 
This chapter is a published paper entitled “Physical interface dynamics alter how robotic exosuits 
augment human movement: implications for optimizing wearable assistive devices”, published in 
the Journal of NeuroEngineering and Rehabilitation in May 2017 [43]. This chapter presents a 
methodology for quickly computing power transfer from exosuits to humans via common gait 
analysis data. 
 
[43] M. B. Yandell, B. T. Quinlivan, D. Popov, C. Walsh, and K. E. Zelik, “Physical interface dynamics 
alter how robotic exosuits augment human movement: implications for optimizing wearable 
assistive devices,” Journal of NeuroEngineering and Rehabilitation, vol. 14, p. 40, May 2017. 

2.2 Abstract 

 
Background: Wearable assistive devices have demonstrated the potential to improve mobility 
outcomes for individuals with disabilities, and to augment healthy human performance; however, 
these benefits depend on how effectively power is transmitted from the device to the human 
user. Quantifying and understanding this power transmission is challenging due to complex 
human-device interface dynamics that occur as biological tissues and physical interface materials 
deform and displace under load, absorbing and returning power. 
 
Methods: Here we introduce a new methodology for quickly estimating interface power dynamics 
during movement tasks using common motion capture and force measurements, and then apply 
this method to quantify how a soft robotic ankle exosuit interacts with and transfers power to the 
human body during walking. We partition exosuit end-effector power (i.e., power output from the 
device) into power that augments ankle plantarflexion (termed augmentation power) vs. power 
that goes into deformation and motion of interface materials and underlying soft tissues (termed 
interface power). 
 
Results: We provide empirical evidence of how human-exosuit interfaces absorb and return 
energy, reshaping exosuit-to-human power flow and resulting in three key consequences: (i) 
During exosuit loading (as applied forces increased), about 55% of exosuit end-effector power was 
absorbed into the interfaces. (ii) However, during subsequent exosuit unloading (as applied forces 
decreased) most of the absorbed interface power was returned viscoelastically. Consequently, the 
majority (about 75%) of exosuit end-effector work over each stride contributed to augmenting 
ankle plantarflexion. (iii) Ankle augmentation power (and work) was delayed relative to exosuit 
end-effector power, due to these interface energy absorption and return dynamics. 
 
Conclusions: Our findings elucidate the complexities of human-exosuit interface dynamics during 
transmission of power from assistive devices to the human body, and provide insight into 
improving the design and control of wearable robots. We conclude that in order to optimize the 
performance of wearable assistive devices it is important, throughout design and evaluation 
phases, to account for human-device interface dynamics that affect power transmission and thus 
human augmentation benefits. 
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Keywords: Exoskeleton, Wearable robot, Rehabilitation, Power transfer, Soft tissue, Joint kinetics, 
Human augmentation, Physical human-robot interaction 

2.3 Introduction 

 
Soft exosuits and rigid exoskeletons, two types of wearable assistive devices, have demonstrated 
the potential to improve mobility outcomes for individuals with disabilities [25], [46], [47], and to 
augment healthy human performance [25], [48]–[50]. Human performance might be further 
enhanced by increasing the mechanical power provided by these wearable technologies [21], [26], 
[50], [51] in conjunction with appropriate control strategies [21], [26]. However, the power 
generated by wearable assistive devices will only enhance human performance if it is effectively 
transferred from the device to the user via a physical interface. Growing evidence indicates that 
inefficient device-to-human power transmission is a critical problem for wearable assistive devices 
[21], [36], which undermines potential health and performance benefits.  
 
Transmitting power from an assistive device to the human body is challenging because biological 
tissues and interfaces deform and displace when forces are applied, absorbing power. For soft 
exosuits, coupling to the human body can be challenging because it often involves affixing physical 
interfaces (e.g., straps, sleeves) around body segments and transmitting loads partially in shear, 
which stretches the underlying soft tissues. The physical interface itself (often constructed of soft 
or compliant materials) can also stretch and migrate (i.e., slip) relative to the skin [40], [52], [53]. 
Collectively, the biological tissues and interface materials deform and move relative to each other, 
resulting in power absorption (and return) which we refer to here as interface power. Rigid 
exoskeletons face an analogous challenge, though forces are often oriented more orthogonally to 
human body segments. Body segments in this context tend to absorb power via compression of 
soft tissues [54], but may also experience shear loading and deformation due to factors such as 
misalignment between human and exoskeleton joint centers [25], [40], [53]–[55]. Designing 
devices that load bony landmarks or orient forces so as to minimize soft tissue deformation (e.g., 
[18], [40]) can help to reduce interface power absorption; however, this is not always possible. 
Landmarks are not always conveniently located (e.g., when attaching to the thigh), and in some 
cases high loads on small bony prominences can lead to discomfort [40], [52]. Thus, physical 
interfaces and associated transmission power losses represent a ubiquitous challenge for 
wearable assistive devices.  
 
Inefficient device-to-human power transmission substantially undermines the performance 
benefits of wearable assistive devices. Experiments on a recent running exoskeleton found that 
about 50% of the mechanical power provided by the device was lost in transmission to the body 
[21], [36].  Thus a large portion of exoskeletal power was not used to augment running, but rather 
was absorbed in soft tissues, interface dynamics, and motion of the device relative to the user’s 
body. The authors identified the physical interface as one of the key factors that led to decreased 
exoskeleton performance, and ultimately concluded that this interface is one of the “major 
roadblocks to designing successful lower limb robotic exoskeletons” [36]. It remains critical to 
develop an improved understanding of these interface dynamics, which will have important 
implications for how wearable devices are physically coupled to the body and how they are 
controlled to effectively transfer power to assist human movement. 
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Although the practical difficulties of physically coupling wearable devices to the human body are 
well-known, only a few studies have published objective data characterizing interface dynamics 
[39]–[41], due partly to the lack of methods to quickly estimate these quantities. Human-device 
interface dynamics are not captured via standard gait analysis techniques or with conventional 
motion capture marker sets. For instance, standard rigid-body inverse dynamics approaches can 
estimate net power at the joints, but do not estimate power flow between the human body and 
the device acting in parallel. We have previously estimated interface power (between exosuit and 
human) using a series of quasi-static experiments to isolate absorption from each individual 
system component, both synthetic and biological. This was accomplished by sequentially 
characterizing: (a) raw textile material dynamics using tensile testing, (b) Bowden cable dynamics 
using an instrumented actuator unit, (c) exosuit interface dynamics on a mannequin, and finally 
(d) interface dynamics while the device was being worn by a human subject (thus capturing 
contributions from both the exosuit interface textiles and underlying biological tissues) [41]. These 
data were used to estimate stiffness and damping parameters for each component, which were 
then used to model contributions during dynamic movement [40], [41]. Building upon this 
previous work, it would be beneficial to develop new analysis methods that quantify device-to-
human power transmission dynamics without needing to perform a series of time-consuming, 
component-by-component pre-experiments. The objective of this paper is two-fold: first to 
present a new methodology for quickly estimating interface power during dynamic tasks using 
common motion capture and force measurements, and second to apply this method to quantify 
how a soft robotic exosuit interacts with and transfers power to the human body during 
locomotion. 

2.4 Methods 

 
We performed a motion analysis study using a previously developed soft robotic exosuit [56], then 
employed a new biomechanical analysis to evaluate exosuit-to-human power transmission, which 
enabled us to parse augmentation power (powering ankle plantarflexion) vs. interface power 
(absorbed into deformation and/or motion of the exosuit interface materials and underlying 
human soft tissues) during walking. 

2.4.1 Exosuit Hardware 

 
The robotic exosuit has been fully detailed in previous work [40], [41], [48] so we only briefly 
summarize the hardware here. The exosuit was configured to provide unilateral ankle 
plantarflexion assistance (Figure 2.1). The exosuit used in this study consists of 4 major 
components: (i) a mobile actuation unit (actuator plus controller) mounted to a backpack, (ii) a 
Bowden cable that transmits actuator power down to the ankle, (iii) an interface that attaches the 
outer sheath of the Bowden cable to the user’s shank, and (iv) a modified boot that connects the 
inner Bowden cable to the user’s foot via a cantilevered carbon fiber beam, such that the cable 
can provide a plantarflexion torque about the ankle. The system was instrumented with a load cell 
(LTH300, FUTEK Advanced Sensor Technology, Irvine, CA, USA) to measure forces in the Bowden 
cable at the end-effector (Figure 2.1), and an encoder to measure Bowden cable displacement at 
the actuation unit. Two gyroscope sensors (LY3100ALH, STMicroelectronics, Geneva, Switzerland) 
were also affixed to the boot, and used to provide real-time input to the exosuit controller. 
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Figure 2.1: Experimental setup. A) Human subject walked on a force-instrumented treadmill while 
wearing a robotic exosuit that assists ankle plantarflexion. B) Simplified representation of motion 
capture markers used for power calculations. For graphical simplicity, a single marker is used to 
represent the shank, and a single marker is used to represent the foot; however, in practice 
segmental kinematics were estimated from several markers distributed along each segment (as 
detailed in Methods text and depicted in Additional File 1). These markers were selected to 
mitigate confounds due to soft tissue motion. 

2.4.2 Data Collection & Processing 

 
The methods were evaluated on one healthy male subject (age: 27 years old, mass: 74 kg, height: 
1.8 m) during walking, while collecting synchronous motion capture, motor encoder, load cell, and 
ground reaction force data (Figure 2.1). The study was approved by the Harvard Longwood 
Medical Area Institutional Review Board, and all methods were carried out in accordance with the 
approved study protocol. The subject provided written informed consent before his participation 
and after the nature and possible consequences of the studies were explained. Kinematics were 
measured using a reflective marker motion capture system (Vicon, Oxford Metrics, Oxford, UK; 
120 Hz). Three-dimensional ground reaction forces were measured using an instrumented split-
belt treadmill (Bertec, Columbus, OH, USA; 2160 Hz). All marker and ground reaction force data 
were filtered using zero-lag 4th order low pass Butterworth filters with 8 Hz cut-off frequencies. 
Exosuit cable forces were recorded at 60 Hz via load cell. 3D ankle angles, moments and power 
were calculated for the right leg using conventional kinematic and inverse dynamics analyses 
(Visual3D, C-Motion, Rockville, MD, USA) [57], [58]. 
 
Walking Trial & Exosuit Controller 
The subject walked on the treadmill at 1.5 m/s for 5 min using a previously published walking 
controller to apply peak cable force of up to 500 N that with an 8.4 cm moment arm equated to an 
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approximate joint torque of 42 Nm [56]. In brief, the controller used real-time load cell, motor 
encoder, and gyroscope data to perform force-based position control of the cable on a step-by-
step basis [56]. Cable pre-tensioning occurred during early to mid-stance, then the exosuit 
generated impulsive ankle plantarflexion torque and power during the push-off (end of stance) 
phase of gait [59]. At the very beginning of the trial no cable forces were applied. Over the course 
of about the first minute the peak cable force during push-off gradually increased from 0 to the 
desired force of 500 N, then for the remaining 4 min peak forces of 500 N were applied. For this 
subject and gait speed, the forces were applied at ~1 Hz (stride frequency). 

2.4.3 Analysis Overview 
 

Here we present a new methodology that enables us to estimate and understand exosuit-to-
human power transmission during movement using common gait analysis measures (e.g., 
kinematics, forces). First, we discuss an estimation of the power generated by the robotic exosuit 
end-effector (i.e. the power output at the distal end of the Bowden cable). Second, we present an 
estimation of interface power, the power absorbed into the proximal (shank) and distal (foot) 
interfaces. Power absorbed into these interfaces is due to deformation of interface materials and 
underlying biological tissues, and relative motion of the interface with respect to the body. 
Therefore, when we discuss interface power we are referring to the combined behavior of 
synthetic materials and biological tissues. Third, we detail estimation of augmentation power, 
which contributes to augmenting joint mechanics (in this case, ankle plantarflexion). Fourth, we 
combine augmentation power with conventional inverse dynamics to estimate biological vs. 
exosuit contributions to net ankle power during gait.  Fifth, for comparison purposes we define 
idealized augmentation power, which assumes no interface losses. Finally, we detail key summary 
metrics. 

2.4.4 Cable End-Effector Power 

 
Cable end-effector power, 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, was computed as the dot product of the cable force vector, 

�⃑�𝑐𝑎𝑏𝑙𝑒, and the cable velocity vector, �⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 (see Additional File 1 for comprehensive 
definitions and derivations).  
 

  𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 = �⃑�𝑐𝑎𝑏𝑙𝑒 ∙ �⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑       ( 1 ) 
 
Cable end-effector power can contribute to augmentation power (in this study, augmenting ankle 
joint rotation), or alternatively it can be absorbed via (proximal or distal) interface power (Figure 
2.2). 
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Figure 2.2: Conceptual summary of exosuit-to-human power transmission. Power is generated at 
the cable end-effector. A portion of this power contributes to ankle plantarflexion (termed ankle 
augmentation power), while a portion is absorbed into the human-exosuit interfaces (termed 
proximal and distal interface powers). Power absorbed into the proximal (shank) and distal (foot) 
interfaces is due to viscoelastic deformation of interface materials and underlying biological 
tissues, as well as relative motion of the interface with respect to the body. Reporting convention: 
power absorbed by the interfaces is negative, and power returned by the interfaces is positive. 
Black arrows represent motions associated with each power term. 

2.4.5 Proximal (Shank) Interface Power 

 
To estimate the cable end-effector power that is absorbed into (and then returned by) the 
proximal interface we can apply the classical definition of mechanical power (and work), by 
considering the velocity (and displacement) of the point of force application in the direction of 
said force. In the simplest case, in which the shank is fixed in 3D space, the proximal interface 

power could simply be estimated as the dot product of the cable force, �⃑�𝑐𝑎𝑏𝑙𝑒 (see Additional File 
1 for calculation details), and the absolute velocity of the proximal cable marker, 𝑣𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒, since 

this is where the force is applied to the proximal interface (Figure 2.1B). However, if the leg is 
moving in space (e.g., during walking), then it is necessary to quantify the velocity of the force 
application point relative to the shank’s gross (rigid-body) motion, which we term the proximal 
interface velocity, �⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡. This captures the velocity changes due to non-rigid deformation and 

relative motion of the interface and soft tissues, while excluding the velocity changes due to shank 
segment translation and rotation. For this generalized case, �⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡 simplifies to the following 

expression: 
 

�⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡 = (�⃑�𝑠ℎ𝑎𝑛𝑘 − �⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒) − �⃑⃑⃑�𝑠ℎ𝑎𝑛𝑘 ×  (�⃑�𝑠ℎ𝑎𝑛𝑘 − �⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒)                 ( 2 ) 

 
The absolute translational velocity of the proximal cable marker is represented by �⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒, 

while �⃑�𝑠ℎ𝑎𝑛𝑘 and �⃑⃑⃑�𝑠ℎ𝑎𝑛𝑘 are the absolute translational and rotational velocities of the shank 
segment, respectively. Finally, �⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒 and �⃑�𝑠ℎ𝑎𝑛𝑘 are the absolute positions of the proximal 

cable marker and shank in the lab coordinate frame, respectively. Experimentally, shank 
kinematics were estimated assuming rigid-body motion and using six motion capture markers that 
were placed on the skin (two located on the femoral epicondyles of the knee, two on the ankle 
malleoli and two along the shank segment). Shank markers were placed to avoid confounds due to 
localized tissue/skin stretch resulting from interface loading (see Figure 2.6). 
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Finally, the proximal interface power was computed as the dot product of the cable force vector, 

�⃑�𝑐𝑎𝑏𝑙𝑒, and this proximal interface velocity, �⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡. 

 

𝑃𝑝𝑟𝑜𝑥_𝑖𝑛𝑡 = �⃑�𝑐𝑎𝑏𝑙𝑒 ∙ �⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡                                                       ( 3 ) 

 
We used a convention whereby power absorbed by the interface was negative, and power 
returned by the interface was positive. 

2.4.6 Distal (Foot) Interface Power 

 
Analogous calculations can be performed to estimate distal interface velocity, �⃑�𝑑𝑖𝑠𝑡_𝑖𝑛𝑡, and distal 
interface power, 𝑃𝑑𝑖𝑠𝑡_𝑖𝑛𝑡, due to deformation of the boot and attached cantilevered beam. Four 
markers on the foot segment were used to track segmental kinematics (two on the ankle malleoli, 
one on the first metatarsal head and one on the fifth metatarsal head). 
 

�⃑�𝑑𝑖𝑠𝑡_𝑖𝑛𝑡 = (�⃑�𝑓𝑜𝑜𝑡 − �⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒) − �⃑⃑⃑�𝑓𝑜𝑜𝑡 × (�⃑�𝑓𝑜𝑜𝑡 − �⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒)                      ( 4 ) 

 
 

𝑃𝑑𝑖𝑠𝑡_𝑖𝑛𝑡 = (−�⃑�𝑐𝑎𝑏𝑙𝑒) ∙ �⃑�𝑑𝑖𝑠𝑡_𝑖𝑛𝑡                                                      ( 5 ) 
 

Again we adopted a convention in which interface power absorption was negative. �⃑�𝑐𝑎𝑏𝑙𝑒 signifies 

the force pulling downward on the proximal interface, while -�⃑�𝑐𝑎𝑏𝑙𝑒 signifies the force pulling 
upward on the distal interface.  

2.4.7 Augmentation Power 

 
An indirect estimate of augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡, can be calculated by adding each 

interface power to cable end-effector power. The sum of proximal and distal interface power are 
simply termed interface power, and represented by 𝑃𝑖𝑛𝑡.  
 

𝑃𝑖𝑛𝑡 =  𝑃𝑝𝑟𝑜𝑥_𝑖𝑛𝑡 + 𝑃𝑑𝑖𝑠𝑡_𝑖𝑛𝑡                                                     ( 6 ) 

 
𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡 =  𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 +  𝑃𝑖𝑛𝑡                                                ( 7 ) 

 
Augmentation power can also be computed more directly using an alternative calculation, which 
is described in Figure 2.8 and shown to yield a power curve very similar to Eqn. 7. However, this 
direct augmentation power estimate is based on slightly different assumptions than our interface 
power analysis above. Indirect augmentation power was therefore used in order to maintain 
mathematical consistency with interface power estimates (per Figure 2.2). 

2.4.8 Net Ankle Power 

 
Net ankle power, 𝑃𝑎𝑛𝑘𝑙𝑒, was computed in 3D via standard inverse dynamics, as the dot product of 

ankle moment, �⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒, and ankle angular velocity, �⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒. 𝑃𝑎𝑛𝑘𝑙𝑒 reflects the combined 
contributions from biological tissues and exosuit augmentation (Figure 2.3). 
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𝑃𝑎𝑛𝑘𝑙𝑒 = �⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒 ∙ �⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒                                                        ( 8 ) 
 

2.4.9 Biological Ankle Power 

 
Biological contributions to joint power can be estimated indirectly by subtracting ankle 
augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡, from net ankle power, 𝑃𝑎𝑛𝑘𝑙𝑒. Biological ankle 

power,𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡, reflects net contributions from muscles, tendons and other tissues 
acting about the ankle joint. 
 

𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡 =  𝑃𝑎𝑛𝑘𝑙𝑒 −  𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡                                        ( 9 ) 

 
 

 
 
Figure 2.3: Conceptual summary of ankle power. Net ankle power results from the combination 
of ankle augmentation power (from the exosuit) and biological ankle power (from muscles, 
tendons, ligaments). Black arrows represent motions associated with each power term. 

2.4.10 Idealized Augmentation Power 

 
For comparison and discussion purposes it is valuable to define one additional power analysis 
method, idealized analysis, which assumes zero interface losses, and therefore that all of the cable 
end-effector power contributes directly to augmenting ankle plantarflexion. This yields the 
following idealized expressions for augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑑𝑒𝑎𝑙, interface power, 𝑃𝑖𝑛𝑡_𝑖𝑑𝑒𝑎𝑙, 

and biological ankle power, 𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑑𝑒𝑎𝑙: 
 

𝑃𝑎𝑢𝑔_𝑖𝑑𝑒𝑎𝑙 =  𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑                                                    ( 10 ) 

 
𝑃𝑖𝑛𝑡_𝑖𝑑𝑒𝑎𝑙 =  0                                                                 ( 11 ) 

 
𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑑𝑒𝑎𝑙 =  𝑃𝑎𝑛𝑘𝑙𝑒 −  𝑃𝑎𝑢𝑔_𝑖𝑑𝑒𝑎𝑙                                       ( 12 ) 
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2.4.11 Summary Measures 

 
As summary metrics, we computed positive, negative and net work (mean ± s.d.) for 5 strides 
during the last 30 seconds of each trial. Work values were computed over: (i) the exosuit loading 
phase (period of increasing exosuit force application, after pre-tensioning) to capture interface 
energy absorption dynamics, (ii) the exosuit unloading phase to capture interface energy return 
dynamics, and also (iii) over the full stride cycle. Work values were additionally computed over the 
pre-tensioning phase (initial period of increasing exosuit force application that removes slack from 
the exosuit); however, these values were small compared to the other periods (Table 1), and thus 
not emphasized in results or discussion. 

2.5 Results 

 
Proximal and distal interfaces each underwent a cycle of negative followed by positive power, 
resulting in a lower magnitude and later timing of augmentation power relative to cable end-
effector power (Figure 2.4). These dynamics are summarized quantitatively in the mechanical 
work metrics below. 

2.5.1 End-Effector, Interface and Augmentation Work 

 
Over the full stride cycle, cable end-effector work was 12.2 ± 0.8 J, ankle augmentation work (from 
𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡) was 9.2 ± 0.6 J, proximal interface work was -1.1 ± 0.1 J, and distal interface work 

was -1.8 ± 0.2 J (all net work values, Table 1). A breakdown of positive and negative work values is 
depicted in Figure 2.4. Idealized ankle augmentation work was 12.2 ± 0.8 J (i.e., identical to cable 
end-effector work), since idealized interface work was assumed to be zero. 
 
During exosuit loading, substantial amounts of power were absorbed into the interfaces (Figure 
2.4, Table 1). The cable end-effector performed 10.6 ± 0.8 J of net work during exosuit loading. 
Simultaneously, the proximal interface performed -3.9 ± 0.3 J of net work, the distal interface 
performed -2.1 ± 0.3 J, and 4.7 ± 0.4 J contributed to ankle augmentation. Idealized ankle 
augmentation work was 10.6 ± 0.8 J. 
 
During exosuit unloading, much of the absorbed interface power was returned viscoelastically, 
appearing as positive interface work. The proximal interface performed 3.6 ± 0.3 J and the distal 
interface performed 0.3 ± 0.1 J of net work. Concurrently, the cable end-effector performed some 
additional net positive work, 1.6 ± 0.2 J. Consequently, 5.4 ± 0.5 J of net work augmented ankle 
plantarflexion during exosuit unloading. Idealized ankle augmentation work was 1.6 ± 0.2 J. 
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Figure 2.4: Force, power and work during walking. (A) Exosuit cable force measured via load cell. 
(B) Cable end-effector power, 𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅 is parsed into power that goes into motion/deformation 
of the proximal, 𝑷𝒑𝒓𝒐𝒙_𝒊𝒏𝒕, and distal, 𝑷𝒅𝒊𝒔𝒕_𝒊𝒏𝒕, interfaces vs. power that contributes to 

augmenting ankle plantarflexion, 𝑷𝒂𝒖𝒈_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕. Power and force results are shown for a 

representative stride cycle. The left-hand gray box in the background indicates exosuit loading, 
the primary period of increasing force application. The right-hand gray box indicates exosuit 
unloading. (C) Positive and negative work (mean ± s.d.) during exosuit loading. (D) Positive and 
negative work (mean ± s.d.) over the full stride cycle. Net work is indicated by thick white line on 
each bar. 
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Table 2.1: Net work values (in Joules) are shown for each period of the stride cycle, when peak 
exosuit forces were 500 N. 

 

 
Pre-

Tensioning 
Exosuit 
Loading 

Exosuit 
Unloading 

Full  
Stride 

Cable End-
Effector 

0.003 ± 0.1 10.6 ± 0.8 1.6 ± 0.2 12.2 ± 0.8 

Proximal 
Interface 

-0.8 ± 0.1 -3.9 ± 0.3 3.6 ± 0.3 -1.1 ± 0.1 

Distal Interface -0.04 ± 0.02 -2.1 ± 0.3 0.3 ± 0.1 -1.8 ± 0.2 

Ankle 
Augmentation 

-0.9 ± 0.1 4.7 ± 0.4 5.4 ± 0.5 9.2 ± 0.6 

 

2.5.2 Net and Biological Ankle Power 

 
Over the full stride cycle, 27.5 ± 2.1 J of net ankle work was performed (Figure 2.5), ankle 
augmentation work was 9.2 ± 0.6 J and biological ankle work was 18.2 ± 1.9 J. In contrast, 
idealized ankle augmentation work was 12.2 ± 0.8 J and idealized biological ankle work was 15.3 ± 
2.0 J (15% lower than work from 𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡).  
 
During exosuit loading, 15.0 ± 1.7 J of net ankle work was performed, ankle augmentation work 
was 4.7 ± 0.4 J and biological ankle work was 10.2 ± 1.4 J. In contrast, idealized ankle 
augmentation work was 10.6 ± 0.8 J and idealized biological ankle work was 4.3 ± 1.5 J (60% lower 
than work from 𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡).  
 
During exosuit unloading, 19.7 ± 1.0 J of net ankle work was performed, ankle augmentation work 
was 5.4 ± 0.5 J and biological ankle work was 14.3 ± 0.6 J. In contrast, idealized ankle 
augmentation work was 1.6 ± 0.2 J and idealized biological ankle work was 18.1 ± 0.9 J (25% 
higher than work from 𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡). 
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Figure 2.5: Net ankle power during walking. (A) Net ankle power, 𝑷𝒂𝒏𝒌𝒍𝒆, due to both biological 
and exosuit contributions, was estimated using standard 3D inverse dynamics. Ankle 
augmentation power, 𝑷𝒂𝒖𝒈_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕, represents power provided by the exosuit that augments 

ankle plantarflexion. Biological ankle power, 𝑷𝒂𝒏𝒌𝒍𝒆_𝒃𝒊𝒐_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕 reflects the net power generated 
by muscles, tendons and other biological tissues about the ankle joint. Power results are shown 
for a representative stride cycle. (B) Positive and negative work (mean ± s.d.) during the walking 
cycle. Net work is indicated by thick white line on each bar. 
 

2.6 Discussion 

 
There is mounting evidence that wearable assistive devices that generate power, such as exosuits 
and exoskeletons, can benefit users during walking, [17], [37], [50], hopping [60]–[62], load 
carriage [18], [48] and other locomotor tasks, and that these benefits can be realized for 
individuals across a range of ages [63] and physical abilities [25], [46], [47]. But these benefits are 
only realized when augmentation power is timed and scaled (in magnitude) appropriately; and 
this augmentation power is heavily dependent on how power is transmitted from a device to the 
body via physical interfaces. In this study we quantified exosuit-to-human power transmission 
using new methods that isolate contributions from each human-device interface (proximal and 
distal). We then presented empirical evidence of how these interfaces absorb substantial power 
during exosuit loading followed by viscoelastic energy return during unloading, which has 
important implications for how wearable devices are controlled and coupled to the human body 
to augment movement. We found that interface dynamics complicate the transmission of power 
from wearable assistive devices to the human body, resulting in three key consequences: (i) 
During exosuit loading (as applied forces increased), about 55% of exosuit end-effector power was 
absorbed into the interfaces. (ii) However, during subsequent exosuit unloading (as applied forces 
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decreased) most of the absorbed interface power was returned viscoelastically. Consequently, the 
majority (about 75%) of exosuit end-effector work over each stride contributed to augmenting 
ankle plantarflexion. (iii) Ankle augmentation power (and work) was delayed relative to exosuit 
end-effector power, due to these interface energy absorption and return dynamics. 

2.6.1 Interface Energy Absorption and Return Dynamics 

 
Physical human-device interfaces absorb and return substantial energy (Figure 2.4, Table 1). 
Foremost, our findings highlight the pitfall of neglecting interface power absorption (as with the 
idealized analysis), which masks the reshaping of augmentation power due to energy 
absorption/return (Figure 2.4), and the resulting changes to biological joint power (Figure 2.5). 
Furthermore, our results reveal the means by which energy storage and return mechanisms 
enable the majority of cable end-effector work (~75%) to contribute to ankle augmentation. The 
primary energy storage and return mechanism was due to stretching/recoiling of the interface 
materials and biological tissues (the second mechanism, due to cable recoil, is discussed below). 
During the exosuit loading phase, about 55% of the cable end-effector work was absorbed into the 
interfaces (roughly 35% proximal, and 20% distal, Figure 2.4, Table 1), while about 45% 
augmented ankle plantarflexion (given peak force of 500 N). Next, during exosuit unloading, the 
interfaces returned the majority of this absorbed power, and this contributed to augmenting ankle 
plantarflexion (positive interface power and work in Figure 2.4, Table 1). We also observed 
evidence of a secondary, smaller energy storage and return mechanism, due to 
stretching/recoiling of the inner Bowden cable (between the backpack-mounted actuator unit and 
the end-effector). Evidence of this cable recoil power is visible in Figure 2.4 as the extra positive 
peak in 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 in the middle of exosuit unloading. As a result of these interface and cable 
recoil dynamics, the majority of ankle augmentation work was actually performed during the 
exosuit unloading phase (as applied forces decreased), and not during exosuit loading (as forces 
increased) as one might intuit. This then caused a time lag in peak augmentation power relative to 
cable end-effector power (Figure 2.4). Of note, the energy storage and return cycle as well as the 
delayed peak augmentation power observed in this study were qualitatively consistent with prior 
observations on exosuit-assisted walking [40].  
 
In the future, device (internal) power transmission analysis could also be performed to provide a 
more comprehensive estimate of Bowden cable dynamics. These estimates could be combined 
with the device-to-human analysis presented here to yield a more complete mapping of power 
generation and losses during transmission from the actuator to the human user. Internal device 
power analysis requires an additional load sensor at the actuator unit itself, which was not 
available in this study (e.g., [40]). 

2.6.2 Implications on Physical Interface Design 

 
Exosuit-to-human power transmission may be improved (in terms of timing and/or magnitude) by 
advances in physical interfaces. Improved power transmission would enable lighter batteries and 
actuators (while maintaining performance), or enable higher levels of performance (with the same 
device hardware). In this study we quantified the behavior of a single shank (proximal) and single 
boot (distal) interface. However, in future studies multiple “candidate” interfaces could be 
compared to identify the best interface (e.g., in terms of minimizing interface power loss or 
augmentation power time lag). Physical interfaces could potentially benefit from a number of 
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design refinements. Stiffer interface materials may reduce power absorption during exosuit 
loading due to textile stretching, whereas more highly damped materials may reduce energy 
return during unloading (if minimizing recoil dynamicswas desirable for an application). Physical 
interfaces could also be designed to distribute loads over larger skin area or to load only targeted 
areas of the body, in order to reduce power due to deformation of the skin and underlying 
biological tissues. Furthermore, physical interfaces could be designed with materials that better 
adhere to and grip the human body, to reduce power due to motion of the interface relative to 
the skin.  

2.6.3 Implications on Device Control 

 
Control algorithms could also be optimized to reduce interface losses and/or compensate for the 
observed time lag in augmentation power by incorporating models of physical interface dynamics. 
New controllers might, for instance, be designed to use predictive algorithms in conjunction with 
new sensor suites to begin actuation earlier (i.e., preemptively) in order to ensure that 
augmentation power is provided at the most beneficial instant or phase of movement. Timing of 
augmentation power is known to be important for walking [64], [65] , and we anticipate that it will 
be even more important for tasks with higher rates of loading and power, such as running, 
jumping, cutting or landing. For these tasks, incorrect or imprecise timing of augmentation power 
could render the device ineffective, detrimental or potentially even dangerous to the user; thus 
highlighting the need for controllers that account for interface dynamics.  
 
Future control algorithms may also be able to facilitate improved device-to-human power 
transmission by exploiting force-dependent interface dynamics. During the first minute of the 
walking trial, peak cable forces slowly ramped up. In these data, we observed that when peak 
forces of 250 N were applied, the proximal and distal interfaces collectively absorbed about 80% 
of the cable end-effector work during exosuit loading and returned the majority of this power 
during unloading (Additional File 1, Table S1). However, when peak forces were doubled to 500 N, 
the percentage of energy absorbed during exosuit loading decreased to 55% (Table 1), indicative 
of stiffening interface behaviors. This suggests that increasing actuator forces may not only 
increase the magnitude of exosuit power delivered but also the fraction of this power that 
contributes directly to augmentation during exosuit loading; potentially representing dual benefits 
to providing higher forces, so long as forces can be applied safely and comfortably.  

2.6.4 Benefits of New Method for Quantifying Interface Dynamics 

 
In this study we presented a new methodology capable of quantifying power contributions from 
human-device interfaces during dynamic movement. Our method offers two key benefits relative 
to previously published approaches. First, this new method isolates power contributions from 
each individual interface, whereas previous methods either provide a lumped interface power 
estimate (see Additional File 1) or completely neglect interface dynamics (𝑃𝑖𝑛𝑡_𝑖𝑑𝑒𝑎𝑙). In this study 
we assessed a monoarticular (ankle only) exosuit, but the benefits of quantifying individual 
interface contributions are most evident when one considers evaluation of more complex, 
multiarticular devices [66]. For instance, a bilateral lower-body exosuit could have 7 or more 
interfaces (one interface for the pelvis, and one for the foot, shank, and thigh of each leg). 
Previous augmentation power analysis methods provide a lumped estimate of power from all 7 
interfaces, whereas the interface power analysis presented here could be applied to provide an 
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interface-by-interface breakdown (i.e., 7 separate interface power curves). Quantifying separate 
contributions from each interface would be helpful in identifying weak links in the design and 
improving sub-optimal interfaces or device components. Second, interface power analysis 
circumvents the need to conduct a series of time-consuming, component-by-component pre-
experiments (to estimate stiffness and damping parameters which are then used to model 
interface contributions during movement). Rather this new approach enables us to directly 
estimate all interface powers simultaneously during movement tasks, using common motion 
capture and force measurements. Interface power analysis can be performed together with 
standard inverse dynamics analysis (Figure 2.5), which makes it practical and inexpensive to 
incorporate into existing or planned experimental evaluations. Finally, we note that the methods 
summarized here are intended and expected to be generalizable to other wearable assistive 
devices (e.g., rigid exoskeletons), which is important for evaluating and comparing devices in the 
future, given that interface and augmentation dynamics are expected to be highly task- and 
device-specific. 

2.6.5 Limitations and Future Work 

 
This study has a few notable limitations. First, in this initial investigation, only one soft exosuit 
prototype, one joint and one subject were evaluated. This was sufficient to achieve our objective 
of presenting new methods that can isolate interface power absorption, and which could be easily 
extended to assess other wearable assistive devices, including both rigid exoskeletons and soft 
exosuits. The case study data presented provide proof-of-concept of the analysis approach, and 
useful benchmark data that highlights how interface dynamics can complicate power transmission 
from wearable assistive devices to the human body. Future studies are warranted to investigate 
inter-subject variability (e.g., due to age, weight or body morphology), additional tasks, additional 
body joints and segments, and various devices and physical interface designs. Second, this newly 
proposed analysis isolates individual interface dynamics, but in theory each interface power 
estimate could be further decomposed into contributions from the device interface components 
(e.g., textiles) vs. biological tissues vs. relative motion between the device and skin; though 
experimentally this decomposition may be challenging without additional pre-experiments [41] or 
measurement modalities. Third, small inaccuracies in estimates are expected due to limitations of 
skin-mounted markers [67]. Markers were placed to minimize motion due to skin/tissue 
deformation, and small displacements due to skin motion were not expected to affect general 
interpretations. Fourth, this study focuses on the effects of interface power absorption, but 
several other outcome measures (not quantified here) are also of interest and importance when 
evaluating human-exosuit interface performance. These include interface migration over time 
(i.e., displacement of the device interface relative to the skin due to slippage, which can affect 
device performance), compression and shear pressures provided by the interface (which can 
affect skin health and integrity), and perceived user comfort (which would likely affect device 
usage). Each of these factors can improve or degrade the performance benefits received by the 
user, and thus these additional outcomes provide complementary information to help guide the 
design of wearable assistive devices. Incorporating these measures into future wearable assistive 
device studies will provide a more comprehensive understanding of human-device interaction 
dynamics. 
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2.7 Conclusion 

 
Physical interfaces, although often neglected, can absorb and return substantial energy and 
thereby complicate power transmission. Here we present a new methodology that can isolate 
power contributions from individual human-device interfaces. This provides insight into device-to-
human power transmission and how to improve the design and control of wearable assistive 
devices. In order to optimize the performance of wearable assistive devices and fully realize their 
potential human augmentation benefits it is important, throughout design and evaluation phases, 
to anticipate and account for human-device interface dynamics that affect power transmission.



 

21 
 

2.8 Abbreviations 

 

𝑃𝑎𝑢𝑔_𝑖𝑑𝑒𝑎𝑙- idealized ankle augmentation power; equivalent to cable end-effector power, 

𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 
�⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒- absolute angular velocity of the ankle 
�⃑⃑⃑�𝑓𝑜𝑜𝑡- absolute angular velocity of the foot segment 

�⃑⃑⃑�𝑠ℎ𝑎𝑛𝑘- absolute angular velocity of the shank segment 
�⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒- absolute position of the distal cable marker in the lab coordinate frame 
�⃑�𝑓𝑜𝑜𝑡- absolute position of the foot in the lab coordinate frame 

�⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒- absolute position of the proximal cable marker in the lab coordinate frame 

�⃑�𝑠ℎ𝑎𝑛𝑘- absolute position of the shank in the lab coordinate frame 
�⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒- absolute translational velocity of the distal cable marker 
�⃑�𝑓𝑜𝑜𝑡- absolute translational velocity of the foot segment  

�⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒- absolute translational velocity of the proximal cable marker 

�⃑�𝑠ℎ𝑎𝑛𝑘- absolute translational velocity of the shank segment  
𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑- cable end-effector length vector 

�⃑�𝑐𝑎𝑏𝑙𝑒- cable force vector 
𝑃𝑎𝑢𝑔- direct estimate of ankle augmentation power 

𝑃𝑑𝑖𝑠𝑡_𝑖𝑛𝑡- distal interface power 
�⃑�𝑑𝑖𝑠𝑡_𝑖𝑛𝑡- distal interface velocity; velocity of the distal interface force application point 
relative to the foot’s gross (rigid-body) motion 
𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑑𝑒𝑎𝑙- idealized biological ankle power; computed as the difference between net 

ankle power, 𝑃𝑎𝑛𝑘𝑙𝑒, and idealized augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑑𝑒𝑎𝑙 

𝑃𝑖𝑛𝑡_𝑖𝑑𝑒𝑎𝑙- idealized interface power; always zero because idealized method assumes no 
interface dynamics 
𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡- indirect estimate of ankle augmentation power; the difference between cable 

end-effector power, 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, and total interface power, 𝑃𝑖𝑛𝑡 
𝑃𝑎𝑛𝑘𝑙𝑒_𝑏𝑖𝑜_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡- indirect estimate of biological ankle power; in this study computed as the 
difference between net ankle power, 𝑃𝑎𝑛𝑘𝑙𝑒, and augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡 

𝑃𝑖𝑛𝑡_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡- indirect estimate of total interface power; the difference between cable end-
effector power, 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, and augmentation ankle power, 𝑃𝑎𝑢𝑔 

𝑟𝑚- moment arm of the cable acting about the ankle joint center 

�⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒- net ankle moment 
𝑃𝑎𝑛𝑘𝑙𝑒- net ankle power; calculated via standard 3D inverse dynamics 
𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑- power generated at the exosuit cable end-effector 
𝑃𝑝𝑟𝑜𝑥_𝑖𝑛𝑡- proximal interface power 

�⃑�𝑝𝑟𝑜𝑥_𝑖𝑛𝑡- proximal interface velocity; velocity of the proximal interface force application point 

relative to the shank’s gross (rigid-body) motion 
𝑃𝑖𝑛𝑡- total interface power; the sum of proximal and distal interface powers 
�⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑- unit vector oriented along the cable at the end-effector, defined from the distal to 
the proximal cable marker 
�⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑- velocity of the cable at the end-effector; Some abbreviations are defined in the 
Appendix
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2.9 Chapter 2 Appendix – Additional File 1 

 
Supplementary methods and results are provided below, including additional details on the motion 
capture marker set, calculations of cable end-effector, augmentation and interface powers, a 
comparison of the direct vs. indirect power estimates, and work values estimated while walking with 
lower peak exosuit forces of 250 N. 

2.9.1 Supplementary Methods 

2.9.1.1 Motion Capture Marker Set 

 
The full motion capture marker set is provided in Figure 2.6, to expand upon the simplified 
representation in Figure 2.1 of the main text. 
 

 
Figure 2.6: Full marker set. Anterior (left): RLK: Right Lateral Femoral Epicondyle; RMK: Right Medial 
Femoral Epicondyle; RLA: Right Lateral Malleolus; RMA: Right Medial Malleolus; RLT: Right 5th 
Metatarsal Head; RMT: Right 1st Metatarsal Head; RSLS: Right Superior Lateral Shank; RSMS: Right 
Superior Medial Shank. Posterior (right): RPAC: Right Proximal Ankle Cable; RDAC: Right Distal Ankle 
Cable. Shank kinematics were estimated using RLK, RMK, RLA, RMA, RSLS, and RSMS. Foot kinematics 
were estimated using RLA, RMA, RMT, and RLT. Cable end-effector kinematics were estimated using 
RPAC and RDAC. 
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2.9.1.2 Cable End-Effector Power Derivation 

 
We start by defining the cable end-effector length vector, 𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, and the unit vector, �⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, 
oriented along the cable at the end-effector by measuring the position of the proximal cable marker, 
�⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒, relative to the distal cable marker, �⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒 (Figure 2.1). 

 
𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 = �⃑�𝑝𝑟𝑜𝑥_𝑐𝑎𝑏𝑙𝑒 − �⃑�𝑑𝑖𝑠𝑡_𝑐𝑎𝑏𝑙𝑒                                                            ( 13 ) 

 

�⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 =  
𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑

|𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑|
                                                                        ( 14 ) 

 
The length estimate defined by 𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 assumes that the cable end-effector is taut (straight-line 
connection), which is true in this exosuit when non-negligible forces are applied. The measured load 
cell force magnitude borne by the cable, 𝐹𝑐𝑎𝑏𝑙𝑒, is directed along the line of action of the cable end-

effector, yielding the force vector in 3D space, �⃑�𝑐𝑎𝑏𝑙𝑒, which we defined as oriented in the opposite 
direction of �⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑. 
 

�⃑�𝑐𝑎𝑏𝑙𝑒 =  𝐹𝑐𝑎𝑏𝑙𝑒 ∙ (−�⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑)                                                                ( 15 ) 
 
Velocity of cable lengthening/shortening along the line of action of the cable end-effector, �⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, 
can then be computed as: 
 

�⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 =  
𝑑

𝑑𝑡
(𝑟𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 ∙ �⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑) ∙ �⃑⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑                                              ( 16 ) 

 
With this convention, increasing negative values of �⃑�𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑 signify increasing shortening velocity of 
the cable. 
 
Finally, we can compute power due to length changes of the cable end-effector, 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, by 
computing the dot product of cable force and velocity vectors, yielding Eqn. 1 in the main text.  
 

2.9.1.3 Direct Augmentation Power and Indirect Interface Power 

 
In the main text, ankle augmentation power, 𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡, was estimated using what we term an 

indirect approach (adding interface power to cable end-effector power). An alternative way to 
compute augmentation power, which we term the direct method and denote as 𝑃𝑎𝑢𝑔, is by taking the 

dot product of the applied force and the velocity due to joint rotation [17], [37], [40], [68]–[70]. In this 
study, this velocity was calculated by taking the cross product of the ankle angular velocity, �⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒, 
based on a rigid-body link-segment model, and the moment arm, 𝑟𝑚, of the cable acting about the 
estimated ankle joint center. The moment arm was calculated as the perpendicular distance between 
the ankle joint center and the line of cable action. 
 

𝑃𝑎𝑢𝑔 = �⃑�𝑐𝑎𝑏𝑙𝑒 ∙ (�⃑⃑⃑�𝑎𝑛𝑘𝑙𝑒 ×  𝑟𝑚)                                                                   ( 17 ) 
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Subtracting cable end-effector power, 𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑, from augmentation power, 𝑃𝑎𝑢𝑔, then provides an 

indirect estimate of total interface power. We maintained the convention from the main text in which 
interface power absorption was negative. We refer to this estimate as indirect interface power, 
𝑃𝑖𝑛𝑡_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡 , because it represents what is left over after accounting for augmentation power 
contributions. This indirect estimate cannot localize or partition power contributions due to individual 
interfaces (e.g., proximal vs. distal).  
 

𝑃𝑖𝑛𝑡_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡 =  𝑃𝑎𝑢𝑔 −  𝑃𝑐𝑎𝑏𝑙𝑒_𝑒𝑛𝑑                                                                ( 18 ) 

 
A conceptual comparison of analysis methods is shown in Figure 2.7: (A) starting from direct 
augmentation power estimates, then indirectly estimating total interface power, (B) starting from 
direct interface power estimates, then indirectly estimating augmentation power, or (C) using 
idealized analysis in which interface dynamics are assumed to be zero (non-existent). 
 

 
Figure 2.7: Conceptual summary of three analysis methods for estimating device-to-human power 
transmission. Each column (A-C) depicts one power analysis method. The top row represents the end-
effector power (𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅, orange line, i.e., power output from the device at the cable end-effector, 
assumed to be the same for each method), the middle row partitions this power into augmentation 
(red) vs. interface power estimates (blue), then the bottom row depicts the resultant biological power 
contributions. (A) Augmentation power (𝑷𝒂𝒖𝒈, solid red) can be computed directly, then total 

interface power (𝑷𝒊𝒏𝒕_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕, dashed dark blue) can be calculated indirectly by subtracting 𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅 
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from 𝑷𝒂𝒖𝒈. (B) Proximal (𝑷𝒑𝒓𝒐𝒙_𝒊𝒏𝒕, solid light blue) and distal (𝑷𝒅𝒊𝒔𝒕_𝒊𝒏𝒕, solid dark blue) interface 

powers can be computed directly, then augmentation power (𝑷𝒂𝒖𝒈_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕, dashed red) can be 

calculated indirectly by adding the summed interface powers, 𝑷𝒊𝒏𝒕, to 𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅. (C) Using idealized 
analysis, interface power (𝑷𝒊𝒏𝒕_𝒊𝒅𝒆𝒂𝒍) is assumed to be zero, and therefore 𝑷𝒂𝒖𝒈_𝒊𝒅𝒆𝒂𝒍 is equal to 

𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅. For each method, biological ankle power (dashed green) can be estimated indirectly by 
subtracting augmentation power from inverse dynamics ankle power (𝑷𝒂𝒏𝒌𝒍𝒆, black). Methods (A) and 
(B) are expected to yield similar biological power estimates, 𝑷𝒂𝒏𝒌𝒍𝒆_𝒃𝒊𝒐_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕. The benefit of method 
(B) is that individual interface contributions can be partitioned. Idealized analysis, as shown in column 
(C), is expected to greatly overestimate augmentation power and underestimate biological power 
(𝑷𝒂𝒏𝒌𝒍𝒆_𝒃𝒊𝒐_𝒊𝒅𝒆𝒂𝒍), due to neglected interface dynamics. Indirect power estimates (i.e., computed by 
adding/subtracting power terms) are shown as dashed lines. Direct power estimates (i.e., computed 
by multiplying force by velocity, or torque by angular velocity) are shown as solid lines. No power units 
are shown because this is a conceptual/explanatory representation, not data. 

2.9.2 Supplementary Results 

2.9.2.1 Direct vs. Indirect Power Estimates 

 
We found that direct and indirect estimates yielded similar interface power and similar augmentation 
power curves (Figure 2.8). Both interface power estimates (𝑃𝑖𝑛𝑡 and 𝑃𝑖𝑛𝑡_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡) followed a similar 
pattern of energy absorption and return. Ankle augmentation power was positive for both methods 
(𝑃𝑎𝑢𝑔 and 𝑃𝑎𝑢𝑔_𝑖𝑛𝑑𝑖𝑟𝑒𝑐𝑡), with similar peak magnitudes and timing. In terms of work, direct vs. indirect 

augmentation work during exosuit loading phase was 4.7 ± 0.4 J vs. 4.7 ± 0.4 J, and during exosuit 
unloading 6.6 ± 0.7 J vs. 5.4 ± 0.5 J, respectively. Minor quantitative differences are to be expected due 
to measurement limitations and assumptions inherent in each estimation method. However, since 
these calculations are based on different underlying assumptions, the strong agreement between 
curves (Figure 2.8) gives confidence in the general magnitudes and waveforms of augmentation and 
interface powers. 
 

 
 

Figure 2.8: Direct vs. indirect power estimates. Direct and indirect estimates yielded similar curves for 
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augmentation power, and also for interface power. (A) Augmentation power: direct (𝑷𝒂𝒖𝒈, solid red) 

vs. indirect (𝑷𝒂𝒖𝒈_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕, dashed red) estimate. (B) Interface power: direct (𝑷𝒊𝒏𝒕, solid blue) vs. 

indirect (𝑷𝒊𝒏𝒕_𝒊𝒏𝒅𝒊𝒓𝒆𝒄𝒕, dashed blue) estimate.  A single representative stride cycle is depicted. For 
reference, 𝑷𝒄𝒂𝒃𝒍𝒆_𝒆𝒏𝒅 (light gray) is also shown. 

2.9.2.2 Work Values at Lower Peak Exosuit Force 

 
Work values are provided in Table S1 based on data from the first minute of the walking trial, during 
which exosuit forces gradually ramped up. 
 
Table 2.2: Net work values (in Joules) are shown for each phase of the stride cycle, when peak 
exosuit forces were 250 N. 

 
Pre-

Tensioning 
Exosuit 
Loading 

Exosuit 
Unloading 

Full 
Stride 

Cable End-
Effector 

-0.1 ± 0.03 3.4 ± 0.5 0.6 ± 0.2 3.8 ± 0.7 

Proximal 
Interface 

-0.4 ± 0.04 -1.8 ± 0.2 1.7 ± 0.2 -0.5 ± 0.1 

Distal Interface 0.1 ± 0.02 -1.0 ± 0.2 0.1 ± 0.04 -0.8 ± 0.2 

Ankle 
Augmentation 

-0.5 ± 0.1 0.6 ± 0.1 2.3 ± 0.4 2.4 ± 0.4 
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Chapter 3: Characterizing the Comfort Limits of Exosuit Interfaces 

3.1 Chapter 3 Summary 

 
This chapter presents a characterization of the comfort limits of individuals when applying forces to 
exosuit interfaces attached to the shoulders, thigh and shank. This work is currently in review with 
PLOS One as of July 17, 2019. 

3.2 Introduction 

 
Exosuits (soft exoskeletons) are wearable devices made primarily from soft/flexible structures that 

physically augment, assist or enhance human movement or posture. Exosuits offer exciting potential 

to enhance human health and performance [71]–[75], with implementations that are both passive and 

powered, and applications in medical, military and industrial domains. However, one of the most 

challenging aspects of exosuit design -- as well as design for many other wearable assistive devices, 

from prostheses to exoskeletons - involves the physical interfaces that connect the device to the 

person [71], [76]–[80]. Each physical interface comprises synthetic materials (e.g., straps, cuffs, 

sleeves) that are part of the exosuit, as well as the underlying biological tissues (e.g., skin, fat, muscle 

and other tissues [81], [82]). When exosuit forces are applied to the user, the synthetic and biological 

interface components can physically displace, deform and/or shift relative to each other. These 

interface dynamics affect how force and power are transmitted to the user [79]. Higher forces can 

provide more assistance, but also subjectively affect user comfort and experience: if applied forces are 

too high, users may become too uncomfortable to continue using the device, which we refer to here 

as their comfort limit.  

 

For existing and future exosuits, it is important to determine what magnitudes of force can be applied 

to physical interfaces on various body segments before user comfort limits are reached. User comfort 

is commonly reported in prior literature as an important aspect of exosuit and exoskeleton design 

[71], [74], [78], [80], [83]–[86]. However, there is little quantitative data and a lack of published 

guidelines on comfort limits. In general, it is not known how much force on a given body segment 

leads to discomfort, or how the comfort limit varies across individuals, loading rates, or time scales. 

Understanding these practical limits for applying forces can help provide design guidelines for the 

development of new exosuits, or inform the refinement of existing actuators or controllers to 

maximize assistance without violating user comfort limits.  

 

A first step towards addressing this large knowledge gap is to quantify comfort limits over short time 

scales (e.g., seconds), to gain insight into the magnitude, range and variability of user comfort limits. 

This information will inform exosuit device design and enable longer-term testing (e.g., over minutes, 

hours or days). The purpose of this study was to quantify these comfort limits for exosuit interfaces 

when pulling forces were applied to three key segments of the body (shoulders, thigh and shank), 

which are commonly used in exosuit designs (e.g., [71], [73]–[75]). Our specific objectives were three-

fold: (i) characterize the comfort limits for multiple healthy participants, (ii) characterize how comfort 

limits vary across days, and (iii) determine if comfort limits change when forces are applied at higher 
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vs. lower rates.  

3.3 Methods 

3.3.1 Summary 

For the shoulders, thigh and shank, we quantified the maximum pulling force that could be applied 

before participants reported that they had reached their comfort limit (formally defined below). We 

fabricated exosuit interfaces for the shoulders, thigh and shank, and systematically applied forces 

using a robotic actuator. The actuator generated a series of pulling forces (Fig. 3.1) that increased in 

peak magnitude every cycle. Subjects then used a push-button off-switch to stop the actuation system 

and remove the applied force when they did not want to feel a higher level of force (see specific 

instructions to subjects below). The experimental protocol was designed to address the three specific 

objectives stated above. 

3.3.2 Experimental Setup 

 

We used an offboard robotic actuator (Humotech, Pittsburgh, USA) to apply pulling forces to exosuit 

interfaces worn by the subjects, while continuous force data were recorded at 1000 Hz by an inline 

single-axis load cell (LCM300, Futek, Irvine USA). Subjects stabilized themselves in a customized 

scaffold as the actuator force was applied vertically downward to the interfaces located on the 

shoulders, thigh and shank (Fig. 3.1). Based on body posture, the pulling directions were not perfectly 

aligned with the body segments. The pulling direction was roughly 5-10 degrees off the longitudinal 

axis of the shank, roughly 30-35 degrees off the longitudinal axis of the thigh, and within about 5 

degrees of the longitudinal axis of the trunk when pulling on the shoulders (Fig. 3.1). 

 

 
 

Figure 3.1: Experimental Setup. A robotic actuator was used to apply pulling forces to three separate 
interface locations. The subject stabilized themselves in a custom scaffold (not depicted for clarity; see 
Appendix). Inset: Desired tension force (blue) vs. actual tension force (green). The peak force 
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increased incrementally by 50 N from the beginning value at the specified loading rate. The initial peak 
force value (peak value of the first triangle) and the rate of force application were randomized for each 
segment, subject and session. 
 

Subjects also completed surveys at the beginning and end of each session to verify that the testing did 

not cause persistent discomfort or soreness. Between conditions, subjects were given short breaks 

(typically less than 30 seconds) or longer breaks upon request. All human subject studies were 

approved by the Vanderbilt University Institutional Review Board (IRB) and the subjects gave informed 

written consent prior to participation.  

3.3.3 Subjects and Conditions 

 

We tested healthy adult subjects (N=10; 5 male, 5 female; Age: 24 ± 2 years old; Height: 1.8 ± 0.1 m; 

Mass: 69.3 ± 12.1 kg) across four sessions, which were separated by at least one full day and at most 

18 days (5.5 ± 4.3 days). Each subject was given a written set of instructions for participating in the 

study (see Instructions to Subjects). For each session, we tested interfaces on three different locations 

on the body (shoulders, thigh and shank). These segments are commonly used by exosuits to apply 

assistive forces to the user [71], [73]–[75]. During each session, the subject donned an exosuit 

interface (e.g., a thermoplastic elastomer thigh or shank sleeve with nylon wrap attached via hook-

and-loop, or a shoulder harness) at a given body location. We had multiple sizes of interface, and 

selected the size that best fit each user’s shank and thigh (see Appendix). We used one shoulder 

harness that was adjusted to each participant. Each interface was then connected to the offboard 

actuator, which applied incrementally increasing downward pulling forces in a triangle wave (Fig. 3.1). 

When the subject determined their discomfort was high enough that they did not want to experience 

higher levels of applied force, they pressed the off-switch that disabled the actuator and removed the 

applied force. Alternatively, if the peak forces reached 1200 N, the maximum approved force by our 

present IRB protocol, then the trial was also stopped. 

 

Three body locations (shoulders, thigh and shank) were independently loaded ten times – five trials at 

a low loading rate and five trials at a high rate for a total of 30 trials per subject per session. For the 

shoulders, the high force rate was 300 N/s and the low force rate was 100 N/s; for the shank and 

thigh, the high force rate was 3000 N/s and the low force rate was 1000 N/s; The applied force rates 

were chosen based on the range of applied force rates used by exosuits in prior literature [75], [79], 

[83], [87]–[89]. The magnitude of the first peak and the applied force rate (high vs. low) was 

randomized for each segment, test session, and subject in order to blind the subjects to conditions and 

discourage gamification (e.g., to prevent users from being able to simply count the number of loading 

cycles to figure out which peak force they had reached). Ten subjects completed the protocol. 

However, three subjects only completed the first two days of shank testing, as they reported some 

transient discomfort on the third testing day. Thus we erred on the side of not collecting additional 

shank data for these three subjects, and they were excluded from statistical comparisons on shank 

comfort limits (but were included in the thigh and shoulder analysis). To mitigate sweating, which can 

cause slippage of the interface, subjects applied antiperspirant to their shank and thigh segments the 

night before testing, and a fan blew air over the subject’s leg to keep them cool. In some cases there 

was minor slippage of the shank and thigh interfaces down the leg over the course of multiple trials 
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(about 2-15 mm). If there was substantial slippage (as noticed by the experimenter or the subject), 

then the interface was removed, the liner and subject’s skin dried via a fan, and the interface was 

reset to the original location prior to continuing testing. 

3.3.4 Instructions to Subjects 

To ensure uniformity of instructions to subjects, we provided the following set of written instructions 

to each participant during each session. Any questions the subjects had were then answered prior to 

the experimental session. 

 

“Exosuits are devices that attach to the body and physically assist movement. Exosuits are being 

developed to improve the quality of life for people with disabilities, to augment the strength of 

individuals performing strenuous jobs, and to help keep workers safe and injury-free. We are interested 

in understanding how much force an exosuit can apply to various parts of the body before this force 

becomes uncomfortable. For each trial, please press the off-switch when you feel uncomfortable to the 

point that you would not want to feel a higher level of force. Please ask the experimenter any questions 

you may have.” 

3.3.5 Definition of Comfort Limit 

Here we defined the comfort limit as the maximum force experienced by the subject during a trial. 
This limit corresponded to either (i) the maximum force prior to the subject pressing the off-switch or 
(ii) the peak force at the very end of the trial, in which case the maximum approved force (1200 N) was 
reached. In the latter case, this was the maximum force approved under our current IRB protocol. 

3.3.6 Data Processing 

 

Forces were low-pass filtered by a third-order Butterworth filter (cutoff frequency of 10 Hz), and used 

to determine the comfort limit in each trial. Across trials for each individual subject, the median 

comfort limit was computed. The median was used rather than the mean because it is less sensitive to 

the ceiling effect imposed by the maximum approved force, i.e., less likely to be skewed by a subset of 

trials that reached the maximum approved force limit. The subject-specific median comfort limits were 

then used to compute group averages on a segment-by-segment basis as detailed below 

 

To characterize inter-subject differences (see Fig. 3.2), the median comfort limit was computed from 

all data for each subject (10 trials x 4 days = 40 data points). This yielded one comfort limit per subject, 

or ten in total. Next, the group mean and standard deviation was computed from these ten values. 

 

To characterize inter-day differences, (see Fig. 3.3), the median comfort limit was computed from data 

for each day for each subject (10 trials per day). Then, the group mean and standard deviation was 

computed across subjects for each day, yielding one mean and one standard deviation for each of the 

four days. The Kruskal-Wallis H test (alpha = 0.05, with Bonferroni correction) was used to perform a 

one-way non-parametric ANOVA with multiple comparisons to assess if there were differences in 

comfort limit due to testing day, using combined data points from all subjects to compare between 

days. 
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To assess force rate differences, (see Fig. 3.4), the median comfort limit was computed from data for 

each day at each rate for each subject (5 high force rate trials per day per subject and 5 low force rate 

trials per day per subject). Then the group mean and standard deviation was computed across subjects 

for each day at each rate. On each day, we computed the percentage change in comfort limit due to 

force rate using the difference in group means at the two rates. These percent changes were then 

averaged across days to compute the mean percentage change. The Wilcoxon rank sum test (alpha 

0.05) was used to assess the effect of force rate, using combined data points from all subjects to 

compare between rates for each day. 

3.4 Results 

3.4.1 Inter-Subject 

3.4.1.1 Shoulders 

The comfort limit on the shoulders had a group mean of 621 ± 245 N. The lowest individual subject 

median was 260 N, while the highest was 1181 N. Only one subject (Subject 2, Fig. 3.2) reached the 

maximum approved force limit on individual trials. 

3.4.1.2 Thigh 

The comfort limit on the thigh segment had a group mean of 867 ± 296 N. The lowest individual 

subject median was 276 N, while the highest was 1147 N. Seven subjects (Subjects 1-4 and 8-10, Fig. 

3.2) reached the maximum approved force limit on individual trials.  

3.4.1.3 Shank 

The comfort limit on the shank segment had a group mean of 702 ± 220 N. The lowest individual 

subject median was 365 N, while the highest was 1126 N. Three subjects (Subjects 2, 8, and 10, Fig. 

3.2) reached the maximum approved force limit on individual trials. The three subjects who only 

completed the first two days of testing are included in Figure 3.2 and the group mean comfort limit for 

all three segments. See Appendix for a detailed Table of results. 

 

 

  
Figure 3.2: Inter-Subject Comfort Limits. Boxplots depict individual subject results. Boxplots indicate 
subject median (cyan line), 25th and 75th quartiles (box), whiskers (extending to the farthest data 
point or 1.5x the interquartile range, whichever is nearer the median) and outliers (cross markings). 
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Three subjects (denoted with ^) only completed the first two sessions of testing on the shank. 
Percentage of trials that reached the maximum approved force limit are depicted in green boxes 
above each column. The 1200 N maximum approved force limit is denoted with a dashed gray line. 
The group mean comfort limit is denoted with a dotted green line. The gray boxes indicate the 
approximate range of forces applied by exosuits in prior literature during dynamic tasks [71], [72], 
[87]–[89]; the gray solid lines indicate maximum peak forces applied by individual studies during static 
tasks [74], [83]. 

3.4.2 Inter-Day 

3.4.2.1 Shoulders 

The comfort limit on the shoulders increased from a group mean of 540 ± 272 N on Day 1 up to 649 ± 

193 N on Day 4 (Fig. 3.3), a 20% increase. The Day 1 comfort limit was significantly different from Days 

2, 3, and 4 (p<0.01). Based on visual inspection of subject-specific data, 7 subjects’ comfort limits 

trended up over time, 2 trended downward, and 1 remained roughly neutral (Fig. 3.3).  

3.4.2.2 Thigh 

The comfort limit on the thigh segment increased from a group mean of 709 ± 288 N on Day 1 to 954 ± 

307 N on Day 4 (Fig. 3.3), a 35% increase. The Day 1 comfort limit was significantly different than Days 

3 and 4 (p<0.001). The Day 2 comfort limit was significantly different than Day 4 (p<0.001). Based on 

visual inspection of subject-specific data, 7 subjects’ comfort limits trended up over time, none 

trended downward, and 3 remained roughly neutral (Fig. 3.3). 

3.4.2.3 Shank  

The comfort limit on the shank segment increased from a group mean of 658 ± 200 N on Day 1 to 806 

± 299 N on Day 4 (Fig. 3.3, N=7), a 22% increase. The Day 1 group mean was significantly different from 

Day 4 (p < 0.03). Based on visual inspection of subject-specific data, 8 subjects’ comfort limits trended 

up over time, 1 subject trended downward, and 1 remained roughly neutral (Fig. 3.3). See Appendix 

for a detailed Table of results. 
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Figure 3.3: Inter-Day Comfort Limits. A) Group results. Boxplots depict group results for each testing 
day. Percentage of trials that reached the maximum approved force limit are depicted in green boxes 
above each column. B) Subject-specific results. Markers depict medians across days for each subject. 
The 1200 N maximum approved force limit is denoted with a dashed gray line. 

3.4.3 Force Rate 

3.4.3.1 Shoulders 

When the actuator pulled at a higher rate (300 N/s vs. 100 N/s), then the mean percentage increase in 

comfort limit was 22%, from 554 to 677 N (Fig. 3.4). The comfort limit was significantly higher at the 

higher loading rate for each Day (p < 0.013).  

3.4.3.2 Thigh 

When the actuator pulled at a higher rate (3000 N/s vs. 1000 N/s), then the mean percentage increase 

in comfort limit was 4%, from 831 to 861 N (Fig. 3.4). The comfort limit difference due to loading rate 

did not reach statistical significance on any Day (p > 0.45); however, it is worth noting that this 

statistical comparison was likely affected by a considerable number of trials reaching the maximum 

approved force limit. Also of note, a higher percentage of high loading rate trials reached the 

maximum approved force than low loading rate trials (Fig. 3.4).  
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3.4.3.3 Shank  

When the actuator pulled at a higher rate (3000 N/s vs. 1000 N/s), then the mean percentage increase 

in comfort limit was 10%, from 702 to 769 N (Fig. 3.4, N = 7). The comfort limit was significantly higher 

at the higher loading rate for Day 1 (p < 0.031), but not significantly different due to loading rate on 

any other Day (p > 0.32). See Appendix for a detailed Table of results. 

 

 
Figure 3.4: Effect of Force Rate on Comfort Limits. Boxplots depict group results for each force rate 
across days. High force rate results are in dark blue (“H”), and low force rates are depicted in light 
green (“L”). Percentage of trials that reached the maximum approved force limit are depicted above 
each column. The 1200 N maximum approved force is denoted with a dashed gray line. 

3.5 Discussion 

 
To inform exosuit design, we characterized the pulling force comfort limits on various body segments. 

We found that, on average, our healthy participants exhibited comfort limits of about 620-870 N (~0.9-

1.3 times participant body weight, Fig. 3.2) on each body segment, though individual subjects and 

segments varied greatly, ranging from about 250-1100 N (0.4-1.6 body weights, Fig. 3.2). We found 

that the comfort limit tended to increase over multiple days of testing for most subjects; the group 

mean comfort limits increased from about 550-700 N on Day 1 to about 650-950 N on Day 4 (~1-1.4 

times participant body weight, Fig. 3.3). Also, we observed that users could generally tolerate higher 

force when it was applied more rapidly (Fig. 3.4). This study fills an important knowledge gap relevant 

to exosuit designers and users. These comfort limits can help inform motor and gear train 

requirements/limits, or provide insight on whether a specified amount of device assistance is likely to 

cause discomfort, in which case a designer may be able to modify their design approach even before 

fabrication and prototyping. 

 

In general, the comfort limits observed here were higher than the forces applied by exosuits in prior 

literature. Exosuits that pull on the thigh have reported force magnitudes of about 150 – 300 N (with 

one example of 400 N in a static task); exosuits that pull on the shank have reported force magnitudes 

of about 150-500 N (with one example of 650 N in a static task) [71], [72], [74], [78], [83], [87]–[89]. 

However in this study the average comfort limit in this study was >750 N (>1 body weight, Fig. 3.1). 

Likewise, for back-assist exosuits that pull downward on the shoulders, force magnitudes have been 
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on the order of about 150-200 N [75], which is considerably lower than the group mean of >600 N (Fig. 

1). Indeed, all subjects in this study had comfort limits on the shoulders above the applied exosuit 

force magnitudes reported in literature. Nevertheless, there was high inter-subject variability for all 

segments (Fig. 3.2). The reason for the high inter-subject variability is currently unknown. It may be 

due to innate physiological differences, or differences in how individuals experience or perceive pain. 

It is also conceivable that the interfaces used did not fit these particular subjects as well as other 

subjects, and that, through improved interface design or customization, these individuals could also 

reach higher comfort limits. Regardless, every individual will have some force upper-bound imposed 

by comfort limits. For exosuit devices that are trying to maximize assistance, or which may be 

approaching the comfort limit for a given user, then slightly increasing the lever arm about biological 

joints provides one means of increasing torque assistance without increasing the pulling force [17], 

[74], [75]. Similar statements could be made about exoskeletons and other wearable assistive devices 

as well; regardless of whether the device is pushing, pulling or compressing the user’s body segment 

there will be some comfort limit, and it is advantageous for device designers to have a ballpark range 

or benchmark data on what levels of force make users uncomfortable to inform their designs. 

 

We found that, on average, the comfort limit increased by roughly 20-35% on each body segment over 

the four days of testing (Fig. 3.3). These results suggest that, over time, users tolerated levels of force 

higher than their initial comfort limit on the first day; in fact, several participants mentioned they 

could perceive their tolerance going up over the course of the study. If a device provides assistance 

that is initially near a user’s comfort limit but below desired assistance levels, then as the user 

habituates to the device over multiple days assistance could potentially be increased to take 

advantage of the user’s increased tolerance. This finding also highlights the potential importance of 

multi-day training and device acclimation prior to assessing user comfort. 

 

Higher rates of force application resulted in an average 5-20% increase in the comfort limit (Fig. 3.4). 

Although statistical significance was mixed, in part due to the ceiling effect imposed by the maximum 

applied force threshold, this increase in comfort limit at higher rates appeared to occur for all three 

segments. This effect was seen despite the order of magnitude difference in the force rates between 

the shoulders (100 vs. 300 N/s) and the thigh/shank (1000 vs. 3000 N/s). This finding suggests that 

higher levels of force assistance may be more tolerable during dynamic tasks such as lifting, than 

during static tasks such as prolonged leaning. One potential reason for this increase in comfort limit is 

that the force was applied (and tissues strained) for a period of time that was about 3 times longer 

during the low rate than during the high rate trials. 

 

This study focused on short-term comfort limits, using trials on the order of seconds. However, 

assistive devices are typically used on the order of minutes or hours. We initially planned to do an 

assessment of comfort over a longer time scale but in trying to plan such experiments realized that it 

was extraordinarily difficult to design a longer term study on comfort without first have some 

knowledge of and benchmark data on short-term comfort limits (or without honing in on a single 

device and task to assess). We therefore designed our experiment to fill this initial knowledge gap, and 

to help inform and enable longer term tests. The short-term comfort limit results place an upper-

bound on what exosuit users would likely tolerate in terms of applied forces. This may be relevant to 
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designing exosuits when assistance is only expected to be provided infrequently or intermittently, or 

for devices intended for short bouts in emergency situations. More commonly, designers will likely 

want to design their devices to maintain forces well below the average comfort limits reported here, 

until longer-term studies or device-specific data are available. Future experiments could explore the 

relationship between force magnitude and the length of time before a subject becomes 

uncomfortable, or monitor how comfort limits change based on the duty cycle of force application. 

Due to time constraints we limited our testing to the shank, thigh, and shoulders in static posture. We 

explored exosuit interfaces, which pull axially along body segments, as opposed to exoskeleton 

interfaces that typically push orthogonally on body segments. Future studies could use a similar 

protocol to the one detailed here to explore other segments of the body, or loading in other 

directions, which would be relevant to additional exoskeletons and exosuits. It would also be 

interesting to explore how a person’s comfort limit changes in different body postures, or during 

dynamic movement tasks. Since comfort/discomfort is a subjective experience we could only ensure 

that everyone received the same instructions, but we have no way to control how these were 

interpreted by each participant. There are also multiple other factors that may affect comfort limits 

and which could be explored in future work, including gender, body mass index, pain tolerance, 

physical fitness and level of muscle activation.  

 

3.6 Conclusions 

 
The comfort limits of the healthy adult participants in our study were generally on the order of about 1 

body weight, but varied considerably between individuals, and increased across testing days. In 

addition, participants were more tolerant of higher force loading rates than lower ones. The results 

reported provide new and useful benchmarks for exosuit designers and end-users, and a scientific 

foundation for exploring comfort limits over larger time scales. 
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3.7 Appendix 

3.7.1 Data Tables 

Table 3.1: Inter-Subject Group Means 
 

Inter-Subject 

N = 10 Mean Std 

Shoulders 621 245 

Thigh 867 296 

Shank 702 220 

 
Table 3.2: Inter-Subject (Computed from all data from each subject) 

 

 Inter-Subject 

 Sub Mean Std Range Max Min Median 

Shoulders 1 487 91 325 637 312 482 

N = 10 2 1105 123 390 1236 846 1181 

 3 723 150 553 992 439 720 

 4 538 107 402 739 336 546 

 5 399 74 346 617 271 390 

 6 648 93 421 912 492 640 

 7 257 34 122 328 206 260 

 8 704 118 484 963 479 702 

 9 653 173 605 943 338 669 

 10 629 105 374 839 465 619 

 Group (All Data) 614 242 1030 1236 206 597 

 All data for each subject       

 Sub Mean Std Range Max Min Median 

Thigh 1 838 224 807 1148 341 872 

N = 10 2 1125 54 171 1192 1022 1147 

 3 1057 146 543 1184 640 1129 

 4 900 207 674 1146 473 966 

 5 484 105 360 667 307 465 

 6 716 107 382 921 539 720 
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 7 270 49 209 379 170 276 

 8 1020 121 449 1183 734 1036 

 9 894 224 664 1181 517 935 

 10 1075 136 541 1186 645 1123 

 Group (All Data) 838 302 1023 1192 170 922 

 All data for each subject       

 Sub Mean Std Range Max Min Median 

Shank 1 659 130 461 917 457 672 

N = 10 2 1085 87 320 1183 863 1126 

 3* 625 109 392 785 393 627 

 4* 552 111 389 805 415 539 

 5 506 99 569 934 365 513 

 6 735 130 551 962 410 731 

 7 371 61 290 541 251 365 

 8 852 128 522 1139 617 845 

 9* 656 76 291 856 565 672 

 10 927 142 513 1138 625 929 

 Group (All Data) 712 240 932 1183 251 693 

 *Subject had two days of data       

 All data for each subject       

 

Table 3.3: Inter-Day Group Means 
 

Inter-Day 

Shoulders Mean Std 

Day 1 540 272 

Day 2 634 251 

Day 3 627 242 

Day 4 649 193 

Day Mean 613 N = 10 

   

Thigh Mean Std 

Day 1 709 288 
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Day 2 837 293 

Day 3 873 300 

Day 4 954 307 

Day Mean 843 N = 10 

   

Shank Mean Std 

Day 1 658 200 

Day 2 708 264 

Day 3 740 262 

Day 4 806 299 

Day Mean 728 N = 7 

 

Table 3.4: Inter-Day (Computed from all data for each day) 
 

 Inter-Day 

 Day Mean Std Range Max Min Median 

Shoulders 1 547 265 1014 1222 207 491 

N = 10 2 630 248 1030 1236 206 622 

 3 632 235 995 1201 206 616 

 4 648 207 878 1145 266 638 

 All data for each day       

Thigh 1 708 284 991 1192 202 693 

N = 10 2 824 283 980 1186 206 893 

 3 876 296 1012 1182 170 979 

 4 944 298 1007 1183 176 1117 

 All data for each day       

Shank 1 676 219 841 1146 305 665 

N = 7 2 712 249 821 1130 309 722 

 3 746 248 874 1183 310 741 

 4 799 287 926 1177 251 867 

 All data for each day       
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Table 3.5: Force Rate Group Means 
 

High  Low 

Shoulders Mean Std  Shoulders Mean Std 

Day 1 603 272  Day 1 503 281 

Day 2 701 264  Day 2 559 231 

Day 3 692 256  Day 3 573 209 

Day 4 710 226  Day 4 580 179 

Day Mean 677 N = 10  Day Mean 554 N = 10 

       

Thigh Mean Std  Thigh Mean Std 

Day 1 733 306  Day 1 691 277 

Day 2 846 290  Day 2 828 297 

Day 3 906 322  Day 3 857 307 

Day 4 960 304  Day 4 946 324 

Day Mean 861 N = 10  Day Mean 831 N = 10 

       

Shank Mean Std  Shank Mean Std 

Day 1 726 259  Day 1 629 199 

Day 2 748 276  Day 2 684 244 

Day 3 775 258  Day 3 728 263 

Day 4 828 318  Day 4 768 295 

Day Mean 769 N = 7  Day Mean 702 N = 7 

 
Table 3.6: Force Rate (Computed from all data for each day at each rate) 

 

   Force Rate 

High Rate   Day Mean Std Range Max Min Median 

 Shoulders  1 594 258 1003 1211 208 532 

 N = 10  2 694 255 984 1205 221 727 

   3 691 247 957 1201 244 661 

   4 718 218 873 1145 272 687 

   All data for each day at high rate       
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 Thigh  1 732 299 950 1152 202 706 

 N = 10  2 835 280 941 1147 206 922 

   3 897 307 982 1152 170 1066 

   4 953 297 974 1150 176 1119 

   All data for each day at high rate       

 Shank  1 733 237 841 1146 305 758 

 N = 7  2 744 261 821 1130 309 735 

   3 764 254 841 1150 310 827 

   4 827 300 897 1148 251 917 

   All data for each day at high rate       

          

Low Rate   Day Mean Std Range Max Min Median 

 Shoulders  1 500 266 1014 1222 207 418 

 N = 10  2 565 225 1030 1236 206 567 

   3 573 208 946 1152 206 553 

   4 579 170 686 952 266 572 

   All data for each day at low rate       

 Thigh  1 683 270 841 1192 250 656 

 N = 10  2 812 288 821 1186 275 845 

   3 855 287 841 1182 277 937 

 

 

 

4 936 302 897 1183 293 1081 

  

  

  

   All data for each day at low rate       

 Shank  1 620 186 575 939 365 625 

 N = 7  2 681 237 719 1059 340 671 

   3 727 245 834 1183 349 719 

   4 771 275 847 1177 330 798 

   All data for each day at low rate       
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3.7.2 Segment Orientations 

3.7.2.1 Shoulders 

 

 
 

Figure 3.5: Shoulder segment subject orientation. 
 

3.7.2.2 Thigh 
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Figure 3.6:  Thigh segment subject orientation. 

3.7.2.3 Shank 

 

 
 

Figure 3.7: Calf segment subject orientation. 

3.7.3 Interface Dimensions 

3.7.3.1 Shoulders 

 

W = 3 inches 
Th = 0.625” ; vinyl closed-cell foam was 3” wide x 0.5” thick. Compresses 25% at 2.5 psi, durometer < 
30 on Shore 00 Scale. 
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Figure 3.8: Shoulder Interface Dimensions. 

3.7.3.2 Thigh 

 

 
 

Figure 3.9: Thigh Interface Dimensions. 
 

Table 3.7: Thigh Wrap Dimensions. 
 

  Thigh Wrap 

Size A B C D 

H_Wr 245 242 238 241 

W_Wr 527 491 439 405 

 

Table 3.8: Thigh Strap Dimensions. 
 

  Thigh Strap 

Size 4 3 2 1 

H_St 118 120 116 118 

W_St 632 588 540 489 
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3.7.3.3 Shank 

 

 
 

Figure 3.10: Shank Interface Dimensions. 
 
 

Table 3.9: Shank Wrap Dimensions. 
 

  Shank Wrap 

Size A B C D 

H_Wr 182 169 152 125 

W_Wr 406 357 311 233 

 
 

Table 3.10: Shank Strap Dimensions. 
 

  Shank Strap 

Size 1 2 3 

H_St 53.5 55 52 

W_St 394 327 266 
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3.7.3.4 Liner 

 

 
 

Figure 3.11: Liner Dimensions. 
 

Table 3.11: Interface Dimensions. 
 

  Thigh Liner   Shank Liner 

  Large Medium+ Medium   Large Medium+ Medium 

L_Top (mm) 209 195 130   175 158 124 

L_Bottom (mm) 174 156 121   145 122 113 

H (mm) 214 205 203   179 176 179 

Circumference (Top, mm) 418 390 261   349 315 249 

Circumference (Bottom, mm) 349 312 242   289 244 226 

Surface Area (mm^2) 40846 35754 25529   28511 24488 21230 
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Chapter 4: Redesigning Exoskeletons to Fit Under Clothes 

 

4.1 Chapter 4 Summary 

 
This chapter is a published paper entitled “Design of a Low Profile, Unpowered Ankle Exoskeleton That 
Fits Under Clothes: Overcoming Practical Barriers to Widespread Societal Adoption”, published in IEEE 
Transactions on Neural Systems and Rehabilitation Engineering in March 2019 [74]. This chapter 
presents a low-profile passive ankle exoskeleton for augmenting ankle plantarflexion during walking. 
 
[74] M. B. Yandell, J. R. Tacca, and K. E. Zelik, “Design of a Low Profile, Unpowered Ankle Exoskeleton 
That Fits Under Clothes: Overcoming Practical Barriers to Widespread Societal Adoption,” IEEE 
Transactions on Neural Systems and Rehabilitation Engineering, vol. 27, no. 4, pp. 712–723, Apr. 2019. 

4.2 Abstract 

 

Here, we present the design of a novel unpowered ankle exoskeleton that is low profile, lightweight, 
quiet, and low cost to manufacture, intrinsically adapts to different walking speeds, and does not 
restrict non-sagittal joint motion; while still providing assistive ankle torque that can reduce demands 
on the biological calf musculature. This paper is an extension of the previously-successful ankle 
exoskeleton concept by Collins, Wiggin, and Sawicki. We created a device that blends the torque 
assistance of the prior exoskeleton with the form-factor benefits of clothing. Our design integrates a 
low profile under-the-foot clutch and a soft conformal shank interface, coupled by an ankle assistance 
spring that operates in parallel with the user’s calf muscles. We fabricated and characterized technical 
performance of a prototype through benchtop testing and then validated device functionality in two 
gait analysis case studies. To our knowledge, this is the first ankle plantarflexion assistance 
exoskeleton that could be feasibly worn under typical daily clothing, without restricting ankle motion, 
and without components protruding substantially from the shoe, leg, waist, or back. Our new design 
highlights the potential for performance-enhancing exoskeletons that are inexpensive, unobtrusive, 
and can be used on a wide scale to benefit a broad range of individuals throughout society, such as the 
elderly, individuals with impaired plantarflexor muscle strength, or recreational users. In summary, 
this paper demonstrates how an unpowered ankle exoskeleton could be redesigned to more 
seamlessly integrate into daily life, while still providing performance benefits for common locomotion 
tasks. 
 
Index Terms— Human augmentation, wearable assistive device, exosuit, ankle-foot orthosis, ankle 
plantarflexors. 

4.3 Introduction 

 

A variety of wearable ankle exoskeletons have been developed to augment human locomotion, to 
enhance healthy gait or assist individuals with musculoskeletal or neurological injuries [90]. However, 
only recently have portable, untethered  exoskeletons  demonstrated  an  ability  to  reduce the  
metabolic  cost  of  gait  for  healthy  individuals  [18], [19], [49], [90] (Fig. 4.1). Improving walking 
economy in healthy individuals is a deceptively difficult task, due to human walking expertise [49], [91] 
and adoption of near-optimal gait patterns [45], [49], [92]–[96]. Meanwhile, minor or unintended 
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perturbations to normal gait, as  well  as  added  weight  due  to  devices,  incur  metabolic penalties  
and  affect  natural  kinematics  [49], [65], [71], [79], [96], [97]. Exoskeletons, whether designed to 
assist healthy or impaired populations, must therefore be thoughtfully designed to inter- face with the 
human body and carefully controlled to pro- vide appropriately-timed assistance, without impeding  
gait dynamics [63], [65]. 
 
Recent powered (active motor-controlled) and unpowered (passive spring) exoskeletons have 
demonstrated the ability to reduce metabolic cost [18], [19], [49] and muscle activity [2] during 
walking by assisting ankle moment (i.e., torque) and power provided by the plantarflexors. Throughout 
much of the stance phase in walking, the calf muscles contract nearly isometrically [98]–[103], 
supporting a considerable ankle moment [49], [100]. During this time, the Achilles tendon stretches, 
storing energy elastically [100], [102]. At the end of stance, termed Push-off, the calf muscles contract 
concentrically, generating positive work [49], [100], [102], [103]. This muscle work, in combination 
with elastic energy return due to tendon recoil, contributes to accelerating the swing leg and body’s 
center-of- mass [104]. Ankle exoskeletons typically act in parallel with the calf muscles, offloading 
forces on biological muscles and/or reducing power generated through muscle fascicle contraction. 
Since muscle contractions consume metabolic energy, reducing muscle demands (i.e., force or power) 
has the potential benefit of also reducing the biochemical energy needed to fuel movement. 
 

 
 

Figure 4.1: Examples of portable exoskeletons that assist ankle plantarflexion. A) Powered 
exoskeleton from TU Delft uses an electric motor and leaf spring design [20], [105]. The device 
requires a backpack-mounted controller and battery pack (not depicted). B) Powered exoskeleton 
from MIT also uses an electric motor plus leaf spring design, but in a different configuration [18], [19]. 
A battery pack and controller unit are worn at the waist (not depicted). C) Unpowered exoskeleton 
from Carnegie Mellon and North Carolina State University uses a clutch and spring [49], [106]. D) 
Powered soft exoskeleton (exosuit) from Harvard uses motorized Bowden cables to assist ankle 
plantarflexion (and also dorsiflexion) [73], [107], [108]. A battery pack, and actuator unit are worn at 
the waist (not depicted). Several ankle exoskeletons have demonstrated objective benefits in terms of 
reducing metabolic cost or muscle activity during walking. However, existing designs tend to have 
mechanical elements that protrude out from the leg, foot, back or waist, which could impede 
widespread adoption of exoskeletal technologies in society; particularly amongst individuals who 
prefer to wear devices inconspicuously under their normal clothing. 
 
A key characteristic that differentiates recent exoskeletons from traditional ankle-foot orthoses (AFOs) 
is the ability to assist during stance phase and to get out of the way during leg swing [109]. During 
both stance and swing phases of healthy gait the ankle dorsiflexes beyond neutral (foot orthogonal to 
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shank). If a traditional AFO were designed with a high stiffness (which provides a moment when the 
ankle is beyond a neutral angle) in order to assist the ankle plantarflexors during stance, then it would 
interfere with (i.e., resist against) the ankle dorsiflexors during leg swing, impeding one’s ability to lift 
up the foot (which helps reduce trip risk) [110], [111]. Restricting ankle motion can also limit a 
person’s ability to perform various common activities such as running and stair descent, decreasing 
locomotion performance [90], [109], [112]. If an AFO were designed with low stiffness about the ankle, 
then it may be too weak to augment the ankle plantarflexors, given the substantial moment these 
muscles support during stance phase. The most common clinical AFOs are designed with low stiffness 
about the ankle in order to assist the dorsiflexor muscles (not plantarflexors), specifically to avoid foot 
drop during leg swing due to neurological or musculoskeletal disorders   [110], [111]. Other AFO design 
variants also exist which can independently adjust plantarflexion and dorsiflexion stiffness, or spring 
set point (e.g., NeuroSwing, Fior and Gentz), but each one still has to trade-off device performance 
during stance (i.e., magnitude of elastic energy storage, and portion of gait cycle over which AFO is 
assisting) against freedom of movement during swing (i.e., ability to dorsiflex or plantarflex the ankle 
without interference from the AFO). For instance, an AFO with a neutral or slightly dorsiflexed set 
point would reduce interference in swing; how- ever, at the expense of reducing elastic energy storage 
during stance (relative to energy storage with an earlier, i.e., more plantarflexed, set point). 
 
Exoskeletons have overcome this critical limitation of AFOs through a bimodal (or multi-modal) 
behavior that enables them to assist the ankle plantarflexors in stance without impeding the 
dorsiflexors in swing. In  powered  exoskeletons this is accomplished through control or back-drivable 
actuator-transmission systems, and in unpowered exoskeletons this behavior is achieved by 
clutching/unclutching a stiff plantarflexor assistance spring so that it does not interfere with swing 
phase ankle kinematics [49], [113]–[117]. Note that for simplicity throughout this manuscript we use 
the term exoskeleton colloquially to refer to the general category of wearable devices that physically 
augment human movement, including soft exosuits and clothing-like assistive devices. 
 
For exoskeletons to be practical in daily life – particularly for individuals who are healthy, or those who 
experience minor pain, fatigue or disability – assistive devices may need to be lightweight and form-
fitting so that they can be worn without interfering with everyday activities, natural movement 
patterns or physical appearance. Existing ankle exoskeleton designs (Fig. 4.1) contain elements (e.g., 
motors, gears, battery packs, lever arms) that protrude out from the foot, leg, waist or back. These 
protruding elements typically prevent these devices from being worn inconspicuously under normal 
clothing, which is often preferred by users who want to wear devices in public settings [56], [118]. 
Also, some mechanisms (e.g., motors, metal clutches) are loud, drawing unwanted attention to the 
user. One concern is that the inability to conceal devices (visually, audibly, etc.) may discourage wide- 
spread adoption of exoskeletons in society, reducing the number of people receiving health benefits 
from these technologies. Protruding elements can also interfere with daily activities, such as stair 
descent (lever arm may hit stair) or driving a car (lever arm may hit floor or seat), and may in some 
cases pose a safety risk (e.g., protruding features may cause tripping hazard or get caught on 
surrounding environments, such as in a hospital or factory). Compounding these form-factor concerns 
is the potential issue of artificial joints in exoskeletons, which can affect user performance or comfort 
if misaligned [53]–[55], [71], [76]. Most (but not all) previous ankle exoskeletons have employed a 
hinge-like artificial joint between the shank and foot. This can introduce misalignment issues between 
the artificial joint and biological joint (which is not a perfect hinge), and also restrict non-sagittal plane 
ankle motion, which may inadvertently affect stability or agility. Moving forward, a key challenge in 
the exoskeleton field is to achieve functional performance benefits that are similar to (or even better 
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than) existing devices, but with new or refined designs that reduce the device form-factor and 
conspicuousness, and minimize interference with activities of daily living. 
 
Here we sought to iterate upon a previously-successful unpowered ankle exoskeleton developed by 
Collins et al. [49]. The basic functionality of  this ankle exoskeleton is  that a stiff assistance spring acts 
in parallel with  the  biological ankle plantarflexor muscles from early through late stance (offloading 
the calf muscles), and then this spring passively disengages during leg swing to allow the person to 
dorsi- flex their ankle naturally without interfering. To accomplish this, the physical structure of the 
previous device (Fig. 4.1C) utilizes a clutched spring acting about an artificial ankle joint, joined via a 
carbon fiber molded frame. We aimed to retain this core functionality that augments walking while 
reducing the form-factor to fit underneath clothing, removing rigid components that restrict non-
sagittal ankle motion (e.g., inversion/eversion), and reducing noise due to the ratchet clutch 
mechanism. Effectively, we sought to create a passive, clothing-like device that could inconspicuously 
assist the ankle in daily life. In order to achieve this objective we invented a new type of low profile, 
under-the-foot clutch mechanism and physically attached the device to the user’s shank using a soft, 
conformable interface. The purpose of this manuscript is to detail these design features, summarize 
how we integrated them into a physical prototype, then characterized technical performance of the 
prototype and used human subject case studies to demonstrate feasibility of this lightweight, quiet, 
low profile, and form-fitting exoskeleton to augment ankle dynamics. 

4.4 Design overview 

4.4.1 Summary 

 

Key aspects of our design include (i) a novel, low profile, under-the-foot clutch mechanism, and (ii) a 
soft, conformal shank interface sleeve that removes the need to include an artificial ankle joint (e.g., 
hinge). These two elements of the design (detailed below) are then coupled together by a stiff 
extension spring, termed the assistance spring (Fig. 4.2). The shank interface is positioned just below 
the knee and attached to the assistance spring, which essentially serves as an artificial Achilles tendon. 
The assistance spring connects to a fibrous rope, which runs posteriorly along the shank down to a 
lever arm at the heel. From the heel the rope is routed through a rope guide and attaches to the low 
profile clutch mechanism located under the foot. 
  

 
 

Figure 4.2: New ankle exoskeleton design combines form-factor of clothing with the function and 
assistive benefits of a previously-successful unpowered exoskeleton [49]. This design integrates into 
the shoe and under clothing such that it could be worn inconspicuously in daily life. An additional 
hook-and-loop strap was attached at the top of the interface and used to provide light compression 
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and distribute forces. It was not depicted to avoid visually obscuring the semi-rigid plastic component 
on the shank. 

4.4.2 Overview of Device Function 

 

Our device was designed to mimic the core functionality of the prior exoskeleton during walking [49]. 
During stance, the clutch is engaged and the stiff assistance spring stretches (Figs. 4.3-4). A portion of 
the ankle moment is borne through this spring, and thus reduces force demands on the biological calf 
muscles. During swing, the clutch disengages (Figs. 4.3-4) to allow the user to dorsiflex their ankle 
normally, encountering only small resistance due to a weak reset spring and slight friction within the 
clutch mechanism. This spring engagement/disengagement behavior is achieved passively (Fig. 4.4), 
and thus our device function is qualitatively similar to [49]. Therefore, the major contribution of this 
work is achieving similar functionality with a lower profile, quieter, and less restrictive design. 

4.4.3 Clutch Mechanism 

 

We invented a new, unpowered, friction clutch mechanism to engage the stiff assistance spring during 
the stance phase of gait, and disengage this spring during leg swing (Figs. 4.3-4). Our clutch design is 
conceptually similar to a prosthetic ankle mechanism developed by Nickel et al. [119]; however, our 
physical implementation of the mechanism is quite different. What makes our design unique is that 
we moved the clutch underneath the foot. The clutch uses friction due to body weight for the 
clutching function, enabling it to operate across various gait speeds (as demonstrated in one of the 
case studies, detailed below). The clutch can be located either above the insole, below the outsole, or 
potentially integrated into the shoe itself between the insole and outsole. 
 
The friction clutch consists of 5 core elements: reset spring, slider, top gripper, bottom gripper, and 
spacer (Fig. 4.4A). In the current prototype, the reset spring is a thin, flat elastic sheet of natural 
rubber latex (0.25 mm thick, 50 mm wide and 70 mm long, 1.3 kN/m stiffness) located at the distal end 
of the foot (near the toes). This spring is analogous to the tensioning spring detailed in [49], and is 
intended to reset the system in early stance (see Figs. 4.3-4) and to provide minimal resistance to 
ankle motion during swing (Figs. 4.5-7). In theory, the reset spring stiffness could be infinitesimally 
small, but in practice it must be able to overcome any friction in the system (e.g., in rope guide or the 
slider rubbing against the gripper). Friction depends on many design and fabrication factors and is 
difficult to predict analytically. Therefore we tested several stiffness values (see Section III for methods 
and quantitative results) and used these empirical data to select a reset spring which had sufficient 
stiffness to reset the system (i.e., overcome friction) and was robust enough for extended human 
subject testing. 
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Figure 4.3: Exoskeleton function. During walking, the stiff assistance spring is engaged (clutched) 
during stance phase to assist the plantarflexors, then this spring is disengaged (unclutched) during leg 
swing to allow for normal, unrestricted ankle dorsiflexion. At foot contact the ankle is slightly 
dorsiflexed beyond neutral (foot perpendicular to shank), and the weak reset spring is in a stretched 
position. After foot contact, the ankle begins to plantarflex until the foot becomes flat on the ground. 
This motion allows the reset spring to recoil. Recoil of the reset spring then pulls the unstretched 
assistance spring to its default position. As the person progresses over their foot throughout stance, 
the center-of-pressure under the foot (i.e., location of net ground reaction force) also progresses 
forward. The ground reaction force compresses the gripper upon the slider, clutching it. In other 
words, the ground reaction force increases the friction force (between the slider and gripper), 
preventing further motion of the slider. Because the slider is now fixed, dorsiflexion of the ankle 
stretches the stiff assistance spring. Stretching of the assistance spring stores elastic energy, and also 
offloads the calf muscles and tendons acting in parallel. During late stance, biological ankle motion 
reverses and the ankle begins to plantarflex. At this time the assistance spring recoils, assisting 
biological ankle plantarflexion Push-off power. As the ground reaction forces underneath the foot 
rapidly decrease towards zero (toe-off), frictional forces between the slider and gripper also decrease, 
unclutching the mechanism. The slider can then translate freely, with minimal resistance due to 
stretching of the weak reset spring. This allows the person to dorsiflex their ankle normally during leg 
swing (to provide toe clearance). Upon subsequent foot contact the cycle begins again. White areas 
indicate approximate time of clutch engagement (similar in timing to the stance phase), and grayed 
areas indicate clutch is disengaged (similar in timing to the swing phase). See Figure 4.4 for further 
description of clutch design and function. 
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The slider is comprised of a thin composite layer of grip tape (0.5 mm thick) and Nylon canvas fabric 
(0.5 mm thick), which is connected in series with the reset spring. The slider is located in between the 
top and bottom gripper layers. Gripper layers are made of rubber (each layer 1 mm polyvinyl chloride). 
Both the slider and the grippers are flexible (i.e., bendable) so as to not interfere with the natural 
bending motion of the foot or shoe. A thin Dyneema rope (1.8 mm diameter) is attached in series to 
the proximal end of the slider, which is then routed through  a  gap  in  the  Kydex heel and through a 
low-friction plastic tube that follows the natural contour of the heel (Fig. 4.4) before connecting up to 
the assistance spring and then to the shank interface sleeve.  
 
Kydex thermoplastic is used as a thin spacer between the gripper layers. When body weight is not on 
the foot, the spacer allows enough room for the slider to move freely between the grippers. The 
spacer is thin (3 mm tall) such that when body weight is applied, the gripper layers squeeze together 
to restrict motion of the slider. The spacer height used was determined through iterative testing and 
empirical observation. Other spacer heights could also be chosen, but the design trade-off is that if the 
spacer height is too large then the mechanism may not clutch reliably, and if the height is too small 
then increased friction during swing phase would require a stiffer reset spring. The spacer is designed 
with a solid heel (Fig. 4.4A) to prevent the grippers from clutching the slider at heel contact and before 
foot flat. Gaps in the Kydex spacer near the metatarsals allow for natural toe break (i.e., toe joint 
articulation [120]).  
 
A metal lever arm (low-carbon steel) extends 36 mm behind the heel of the shoe, in order to amplify 
assistive ankle torque, while still allowing our device to fit comfortably under common clothing. We 
found this to be a practical lever arm length during the design iteration process (a trade-off between 
providing a larger mechanical advantage about the ankle vs. fitting easily under clothing), but this 
length could be further optimized for specific tasks, or personalized for specific users. 
 
 
 

 
 

Figure 4.4: A) Under-the-foot clutch design. The friction clutch consists of 5 core elements: reset 
spring, slider, top gripper, bottom gripper, and spacer. Specific materials, construction details and 
design rationale are provided in the main text. B) Under-the-foot clutch function when disengaged. 
When no normal force is applied to the grippers during leg swing (and early stance), the assistance 
spring and slider translate as the weak reset spring stretches/shortens. C) Under-the-foot clutch 
function when engaged. When normal force is applied due to body weight during stance, the 
assistance spring can stretch/shorten, while the slider and reset spring are clutched (i.e., unable to 
move) due to the friction force between the slider and the grippers. See Fig. 4.3 for further description 
of clutch function. 
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4.4.4 Shank Interface 

 

We developed a lightweight, conforming sleeve-like interface to attach the exoskeleton to the shank 
of the user. The inner-most layer of the sleeve is comprised of a 5 mm thermoplastic elastomer gel 
liner material covered with a hook-and-loop compatible cloth (Willowood Alpha Classic liner with Spirit 
Fabric). This type of liner material is commonly used in the field of prosthetics, as it adheres well to a 
person’s limb, is skin-friendly, and can undergo considerable shear loading without slipping down the 
limb. A semi-rigid plastic (or alternatively, nylon fabric) outer shell was then custom- molded and 
attached to the liner via hook-and-loop. This outer shell distributes forces across the surface area of 
the liner and provides an anchor point to attach the assistance spring. A hook-and-loop strap was 
attached around the shank at the top of the interface and used to provide light compression and 
distribute forces. Our interface design is conceptually similar to previous soft interfaces used in 
powered soft exoskeletons (i.e., exosuits [71], [73], [79], [88], [89]), though using different materials. 
This style of interface eliminates the need for an artificial (exoskeleton) ankle joint, which is different 
from the majority of existing ankle exoskeletons [20], [49], [105], [121], [122] Collectively, these 
features result in a low profile shank attachment that can be worn under normal clothing while 
sustaining the needed loads for ankle torque assistance. 

4.4.5 Prototype Specifications 

 

The total weight of our prototype was 459 g, of which 263 g was due to the shank interface, 10 g was 
due to the assistance spring, and 186 g was due to the clutch. Our current prototype weighs 
substantially less than previously developed powered ankle exoskeletons (∼1000-1500 g per leg plus 
2500- 5000 g attached at the waist/back, Table I). Our prototype is comparable to (or even slightly 
lighter than) the weight of many traditional plantarflexor assist AFOs (Table I). Our prototype is also 
comparable to the weight of the unpowered exoskeleton developed by Collins et al.  ([49], Table  I). 

 
Table 4.1: Mass of recent exoskeletons and representative AFOs 

 

 Recent Exoskeletons 
Plantarflexor 

Assist AFOs 

Dropfoot 

AFOs 

 

Meijneke 

et al. 

2014 

Mooney, 

Rouse & 

Herr 

2014b 

Bae et al. 

2018 

Collins, 

Wiggin & 

Sawicki 

2015 

Yandell, 

Tacca & 

Zelik 

2018 

Dynamic 

Brace 

(Dynamic 

Bracing 

Solutions) 

Ossur 

AFO 

Dynamic 

Total Mass 

(2 legs, 

waist & 

back) 

8200 g 4660 g 
3800 g 

(unilateral) 

816 – 

1006 g 
918 g 1196 g 240 g 

Mass per 

Leg 
1500 g 1060 g 

not 

specified 
408-503 g 459 g 598 g 120 g 

Mass at 

waist/back 
5200 g 2540 g 

not 

specified 
0 g 0 g 0 g 0 g 
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Note that dropfoot AFOs are lighter than all other AFOs and exoskeletons because they only need to 
provide a small torque to support weight of the foot during leg swing (Table 1). By using a thinner gel 
liner (e.g., with 3 mm thick thermo- plastic elastomer), we expect that the weight of our device could 
be further reduced. The total height of our prototype under the plantar surface of the foot/shoe is 5.1 
mm (i.e., comparable to, or even shorter than, the thickness of a typical shoe insole), and the device 
extends less than 40 mm from the shank (though this could be even less depending on choice of lever 
arm length). The effective lever arm length is about 100 mm, measured as the perpendicular distance 
from the ankle joint center to the assistance spring line of action (and thus is somewhat dependent on 
user anatomy). The assistance springs used were metal extension springs of roughly linear stiffness. 
However, this spring can be interchanged with other elastic elements (e.g., springs, bands, cables) to 
individualize or optimize assistance. Indeed, as detailed in our case studies below, we swapped in and 
tested multiple different springs (6.1-35.4 kN/m), which encompassed the stiffness range previously 
tested [49]. Note that elastic elements could be of linear or non-linear stiffness. For instance, a simple 
stiffening spring could be achieved by placing two (or more) elastic elements in parallel, and then 
setting one (or more) of the spring rest lengths to be longer than the other(s). Our prototype contains 
approximately $100 in materials of which $67 was for the prosthetic liner material. All components 
were purchased in low volume. We therefore expect that our exoskeleton would be inexpensive to 
manufacture in bulk. 

4.5 Device characterization 

4.5.1 Methods 

 

Our current prototype was developed through an iterative design process. We then built versions of 
this prototype and performed quantitative benchtop tests to characterize/benchmark technical 
performance. First, we characterized the maximum holding force of the clutch and estimated the 
clutch friction coefficient. We applied downward (i.e., normal) forces to the clutch using metal weights 
(to simulate the vertical ground reaction force, Fig. 4.5A), ranging from 100-900 N. At each weight we 
used a computer-controlled robotic actuator (Humotech, Pittsburgh, USA) to apply pulling forces to 
the fibrous rope connected to the clutch, while a load cell in series recorded forces. The actuator 
provided ramped pulling forces, which progressively increased until the clutch slipped (observed 
visually, and confirmed via load cell). The peak force achieved before slippage occurred was defined as 
the maximum clutch holding force for each normal force magnitude. The average time to the peak 
force was similar to walking at 1.25 m/s (∼0.5 seconds, see Fig. 4.6). We performed this 
characterization test twice: once while the clutch was set flat on the ground (to simulate early and 
mid- stance) and next while the heel was lifted off the ground at ∼60◦ (to simulate Push-off). For each 
configuration (foot-flat  and  heel-lift), the maximum clutch holding force was plotted as a function of  
normal  force,  a  linear  regression was fit, and the slope was computed to estimate the average 
coefficient of friction. We then combined these estimated friction coefficients with published data on 
vertical ground reaction forces during human walking [123] in order to compute a theoretical 
maximum amount of assistive ankle torque that could be provided by our current prototype without 
clutch slippage (Fig. 4.5B).  
 
Next, we quantitatively characterized the reset spring. We built three versions of the clutch, each with 
different reset spring stiffnesses (0.7, 1.3 and 1.9 kN/m). We then had a subject don the full prototype 
(Fig. 4.2), lift their foot into the air and rotate their ankle through a full range of plantarflex- 
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ion/dorsiflexion motion. We estimated ankle rotation and the torque due to the reset spring (using 
measurement methods detailed in section IV-A), then plotted ankle angle vs. reset spring torque 
(Nm/kg) for each of the stiffness values (Fig. 4.5 Inset). 

4.5.2 Results 

 

We found the average friction coefficient in the flat configuration to be 0.79, and in the Push-off (heel-
lift) configuration to be 0.58 (Fig. 4.5A). Applying these friction coefficients to healthy walking data 
from [123] at 1.25 m/s we estimate that the maximum exoskeleton ankle torque that could 
theoretically be provided by our current prototype would be 0.75 Nm/kg at this speed (Fig. 4.5B). We 
also note that at the point in the stride where peak ankle dorsiflexion angle occurs (∼50%, at the 
discontinuity in Fig. 4.5B), this max theoretical exoskeleton torque was ∼0.6 Nm/kg. These magnitudes 
are 100% and 60% larger, respectively, than peak torques reported in the experimental study by 
Collins et al. [49]. Peak exoskeleton torques over the full ankle range of  motion  (due  to  the reset 
spring and friction in the system when the foot was unloaded) were less than 0.008, 0.011, and  0.018 
Nm/kg, for the 0.7 kN/m, 1.3 kN/m and 1.9 kN/m reset springs, respectively (Fig. 4.5 Inset). We also 
confirmed from video recordings that each of the three springs tested was able to overcome friction in 
the system and therefore fully reset the slider (i.e., return it back to its default position). 
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Figure 4.5: Clutch characterization results. A) Friction force (𝑭𝒇, i.e., max clutch holding force) vs. 

normal force (𝑭𝑵), for both flat foot (teal) and heel-off (dark blue) configurations. Friction coefficient, 
µ, for each con- figuration was estimated via linear regression. B) Theoretical maximum torque (right 
vertical axis, teal/dark blue curve) that the exoskeleton could provide based on empirical coefficients 
of friction and typical ground reaction forces (left vertical axis, gray curve) during walking at 1.25 m/s 
(data from [123]). Inset: Exoskeleton ankle torque (in Nm/kg) for three different reset spring 
stiffnesses (in kN/m) when foot is unloaded (i.e., swing phase) and rotated through a full range of 
ankle plantarflexion (−) and dorsiflexion (+). 

4.6 Case study I – Varying Stiffness, Effect on EMG 

4.6.1 Methods 

 

All human subject studies were approved by the Vanderbilt University Institutional Review Board and 
the subjects gave informed written consent prior to participation. The first case study was performed 
to demonstrate that our device functions on a real user, and that it can provide calf muscle offloading 
(similar to [49]). One male subject (Age: 22 years old, Height: 1.7 m, Mass: 84 kg) walked on a level, 
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split-belt force- instrumented treadmill at 1.25 m/s. Prior to testing, the subject walked with the 
exoskeleton prototype for over an hour to acclimate to it. The subject then returned for a separate 
gait analysis session. The subject walked normally in casual shoes (Shod condition, Etnies Fader LS) and 
then with the exoskeleton added onto the same shoes and worn unilaterally. We tested 3 different 
assistance springs (6.1, 13.2, and 17.7 kN/m, chosen to be a similar range to [49]).  The subject walked 
with each spring for two minutes during testing. We collected ground reaction forces (Bertec, 2000 
Hz), electromyography (EMG, Delsys, 2000 Hz) of the soleus muscle, and lower limb kinematics (Vicon, 
200 Hz). A heel raise trial at the beginning of the experiment was used to estimate EMG during 
maximum voluntary contraction (MVC). 
 
Ground reaction forces and motion data were bi- directionally low-pass filtered by a 3rd order 
Butterworth filter with a cutoff frequency of 20 Hz. EMG data were demeaned, high-pass filtered (150 
Hz cutoff), full wave rectified, and low-pass filtered (10 Hz cutoff), similar to [124], [125]. The resulting 
EMG envelopes were then normalized by the maximum activation among the trials (walking and heel 
raise MVC) [124]. Ankle exoskeleton torque was estimated using spring constants, measured spring 
displacement from motion capture, and the exoskeleton lever arm (assumed constant). Exoskeleton 
torque was normalized by subject body mass. Data were then split into strides (foot contact to 
ipsilateral foot contact) using ground reaction force data. Average (mean) EMG activity was computed 
per stride as the time integral of the EMG envelope  divided  by  the  stride  time,  similar to [49]. To 
ensure steady-state had been reached, we averaged across the final 10 strides from each trial and 
then plotted comparisons between conditions. We expected that soleus muscle activity would be 
reduced when walking with the exoskeleton relative to  the  shod  condition,  similar  to  [49]. Finally, 
to assess quietness of our device we had the subject walk overground and used a decibel (dB) meter to 
quantify peak noise levels shod vs. while wearing our ankle exoskeleton prototype. 

4.6.2 Results 

 

We confirmed prototype function using high-speed video of the subject walking (i.e., we observed 
evidence of clutching and stretching of the assistance spring during stance, followed by unclutching 
and stretching of the reset spring during leg swing). Over the stride, we observed reductions of 5-17% 
in average soleus activity for the exoskeleton conditions relative to the Shod condition (Fig. 4.6). 
Reductions in soleus EMG were most evident throughout the middle of stance phase. Peak 
exoskeleton torque with the stiffest spring was about0.2 Nm/kg during stance. We observed 
dorsiflexion torque during swing of <0.04 Nm/kg (Fig. 4.6). EMG reductions and the shape of the 
exoskeleton torque curve were qualitatively consistent with findings from [49]. In terms of audible 
noise, walking with the exoskeleton was similar to walking in normal shoes (62 dB peak with the 
exoskeleton vs. 60 dB peak in normal shoes, measured in a room with 57 dB ambient noise). 
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Figure 4.6: Case study results. A) Soleus EMG was reduced, specifically in mid-stance, when wearing 
the exoskeleton with various assistance springs vs. not wearing the exoskeleton (normal shoes only, 
Shod). EMG was normalized to maximum muscle activation and averaged across strides. B) Average 
soleus EMG over stride (dimensionless) was reduced by 5-17% when wearing the exoskeleton. EMG 
mean and standard deviation are depicted. C) Exoskeleton torque increased as spring stiffness 
increased. Spring stiffnesses were selected to match range of springs used in the prior study by Collins, 
Wiggin and Sawicki [49]. Due to larger lever arm the prior exoskeleton provided more ankle torque 
(shaded gray) for same spring stiffness range. 

4.7 Case Study II – Varying Speed, Doubling Stiffness 

4.7.1 Methods 

 

The second case study was intended to demonstrate that the prototype works over a range of walking 
speeds, and to explore the effects of stiffer assistance springs on exoskeleton ankle torque. A different 
male subject (Age: 27 years old, Height: 1.8 m, Mass: 93 kg) was recruited. Prior to testing, the subject 
walked with the exoskeleton prototype for over an hour to acclimate to it.  The subject then returned 
for a separate gait analysis session. The subject first wore the exoskeleton unilaterally (spring stiffness 
of 17.7 kN/m) and walked at speeds varying from 0.5-1.75 m/s on a level, split- belt force-
instrumented treadmill while we collected ground reaction forces and lower limb kinematics. Next, we 
doubled the assistance spring stiffness (to 35.4 kN/m), and had the subject again walk over this range 
of speeds. Using this stiffer spring, we also had the subject adopt a static tandem stance posture with 
the exoskeleton on the trailing limb, then lean forward to maximally dorsiflex their ankle, which 
enabled us to estimate the highest exoskeleton torque achievable with this spring and to confirm that 
both the under-the-foot clutch and shank interface could provide the necessary holding forces. Data 
were processed with the same methods described in Case Study I. 

4.7.2 Results 

 

The exoskeleton functioned over the range of gait speeds, as evidenced by assistance spring motion 
and torque pro- files (Fig. 4.7). For the 17.7 kN/m spring, peak exoskeleton torque was 0.12 Nm/kg at 
slow speeds, increasing to a maximum of 0.14 Nm/kg at moderate speeds, then decreased to 0.11 
Nm/kg at the fastest speeds (Fig. 4.7). When spring stiffness was doubled, the exoskeleton provided 
approximately twice the torque over the same speed variations (Fig. 4.7). During maximum torque 
tests, the exoskeleton provided an average maximum 0.62 Nm/kg at a peak dorsiflexion angle of 19 
degrees. 
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Figure 4.7: Representative example of ankle exoskeleton functioning across a range of speeds. 
Results from two separate trials are overlaid. When assistance spring stiffness was doubled from 17.7 
kN/m (teal) to 35.4 kN/m (dark blue), the peak exoskeleton torque approximately doubled at each 
speed. 

4.8 Discussion 

 

Here we present a novel design for an unpowered ankle exoskeleton that is low profile, lightweight, 
quiet, suitable for different gait speeds, low cost to manufacture, and not restrictive of non-sagittal 
degrees-of-freedom; while still providing assistive ankle torque that can reduce demands on the 
biological calf musculature. This work is a direct extension of the previously-successful ankle 
exoskeleton concept presented by Collins et al. [49]. Our key contribution is in creating a device with 
similar function, but within a form-factor that fits more seamlessly into daily life. To our knowledge, 
this is the first ankle exoskeleton that could be feasibly worn/concealed under typical daily clothing, 
without restricting non-sagittal ankle motion, without elements protruding from the leg or shoe, and 
without auxiliary components (e.g., actuators or batteries) carried on the back or waist.  Our new 
design highlights the potential for performance-enhancing exoskeletons that are inexpensive, 
unobtrusive, and can be used on a wide scale to benefit a broad range of individuals throughout 
society. Societal applications of our ankle exoskeleton might include: (i) assisting the elderly [5] or 
individuals with impaired plantarflexor muscle strength (due to neurological or musculoskeletal 
injuries) to augment their physical capabilities and help keep them active, (ii) assisting recreational 
users in order to reduce musculoskeletal loading and effort during walking, running or hiking, or (iii) 
assisting users who walk or run for substantial lengths  of time to reduce fatigue  and  help keep them 
energized and productive (e.g., postal or warehouse workers, soldiers). 

4.8.1 Design Innovations 

 

Our design has three key benefits which facilitate integration into daily life. First, our design reduces 
physical bulk and range-of-motion restrictions. There are no components that protrude substantially 
from the foot, shank, waist or back, and there is no artificial joint restricting ankle motion. In 
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conjunction with the shank interface, this allows our device to be worn easily underneath typical 
clothing and in/under shoes, without interfering with other movement degrees-of- freedom (e.g., 
ankle inversion/eversion) or common daily tasks (e.g., driving a car). Devices of this type could 
conceivably be integrated under, or even into everyday clothing or uniforms (e.g., a specialized pair of 
shoe insoles and socks), which is important to some exoskeleton users [56], [118]. Using body weight 
to clutch a tensile element (the slider) via friction allows us to use thin, lightweight and flexible 
materials. Light- weight devices have value to clinical populations, and thus this feature promotes 
future adoption by these users [90], [109]. This also means our device can be easily integrated into 
either the insole or outsole of a shoe and is not expected to interfere with natural foot kinematics or 
footwear mechanics/comfort. Anecdotally, this was supported by feedback from case study subjects, 
who reported no adverse reaction to our prototype over the course of >1 hour of walking with the 
device.  
 
Second, our design is fully passive yet intrinsically adapts its behavior to suit a wide range of gait 
speeds without relying on electrical sensors or specially-tuned mechanisms. We observed that our 
clutch reliably engaged and provided assistive torque across a range of gait speeds (Fig. 4.7). Prior 
devices have relied on foot switches (which are not always reliable, [126], [127]) or an adjustable 
ratchet mechanism (which relies on the ankle going through a sufficient range of motion [49]). The 
advantage of the under-the-foot clutch is that it is naturally engaged during stance phase and 
disengaged during leg swing, essentially using the user’s body weight as the control signal and 
alleviating the need for any motors. Thus clutch engagement/disengagement is not an explicit function 
of time or joint angle, but rather a function of foot contact with the ground. Being a completely 
passive device has additional advantages: there is no added weight due to batteries, the device could 
be used for extended periods of time with zero access to the power grid, and in an increasingly digital 
world our exoskeleton would be one less thing users have to remember to plug in. 
 
Third, the materials used in the clutch enable our design to be quieter than previously-used metal 
clutches (e.g., using ratchet mechanisms), and thus audibly more similar to quieter electrostatic 
clutches [128]. Audible device noise is a substantial societal barrier to the wider adoption of 
exoskeletons, as many people are embarrassed when loud noises they emit draw unwanted attention 
(farting  is a good  example). This is a common human experience, and evident in the feedback we 
have received from multiple clinical populations. Our device’s noise levels are similar to walking in 
normal shoes (62 vs. 60 dB), and thus could be worn in public settings without undue attention. Our 
clutch design provides a novel way to retain assistive exoskeleton function, minimize form-factor and 
overcome this audible noise impediment.  Finally, our design is low-cost (∼$100 without economies of 
scale or optimized design for manufacturing), which is key because device affordability is often 
important to consumers and end-users of exoskeletal devices [84]. 

4.8.2 Feasibility of the New Design 

 

High-speed video observation, benchtop characterization of technical performance, and two 
instrumented gait analysis case studies collectively provide empirical proof-of-concept of our 
exoskeleton design. During the case studies, we found that the assistive ankle torque profile vs. time 
was similar in shape to torque profiles reported in [49]. In Case Study I we observed  peak  device  
torques   in   the   range   of 0.1- 0.2 Nm/kg, which were lower than exoskeleton assistance in the prior 
study (0.25-0.37 Nm/kg peak, [49]). This was partially because our exoskeleton has a smaller lever arm 
(100 vs. 150 mm). In Case Study II, we found that doubling the assistance spring stiffness resulted in 
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approximately double the peak exoskeleton torque (>0.2 Nm/kg) for the subject tested. We also found 
in a static maximum dorsiflexion task that our prototype could support much higher torques (>0.6 
Nm/kg, with a 35.4 kN/m spring), consistent with our theoretical model predictions based on 
empirically-derived coefficients of friction (Fig. 4.5B). We note that the effective spring stiffness (and 
therefore assistive torque) is reduced by the compliance of our viscoelastic interface, as evidenced in 
prior studies [78], [79]. Collins, Wiggin, and Sawicki reported a similar effect in their more rigid device, 
which had a 33% lower stiffness than the nominal spring value, due to device compliance [49]. 
Nevertheless, in Case Study I we still observed a 5-17% reduction in soleus muscle activity relative to 
not wearing the device (N = 1), which was similar to the 9-14% reported in [49] (N = 9). Although the 
EMG reduction in our study exhibited an increasing trend with decreasing spring stiffness, we caution 
against over-interpreting the significance of this trend given it was a single subject case study. See 
prior studies [5], [49], [129] for more comprehensive, multi-subject evaluation of how these types of 
unpowered ankle exoskeletons affect gait kinematics, kinetics, EMG and metabolic cost on average. 
The key take- away is that our new design and current prototype provided ankle torque assistance and 
reduced calf muscle activity as we expected, while using a different clutch mechanism and a smaller 
and less rigid form-factor, as compared to the prior exoskeleton [49]. 

4.8.3 Prototype Limitations 

 

The current prototype was developed, built and tested to demonstrate one implementation of our 
design concept. The prototype would benefit from improvements in materials and manufacturing 
techniques to improve longevity and robustness of the device, which we expect would also reduce 
friction in the system when unclutched (swing) and enhance friction when clutched (stance). The 
weight of our current prototype was largely a function of the shank interface. The thickness of the 
shank interface (5 mm) was due to the commercially- available prosthetic liner we used, but in the 
future this interface could be made thinner or perforated to reduce weight (e.g., reducing from 5 mm 
to 3 mm liner thickness would reduce weight by approximately 85 g). We did not perform mechanical 
fatigue testing on the current prototype. Such testing would be more appropriate after completion of 
the design for manufacturability process. Nevertheless, we note that our current prototype did 
operate for over one hour of training/testing without failing or breaking. 

4.8.4 Case Study Limitations 

 

The case studies were intended to demonstrate proof- of-concept, and specifically that our device 
functions as expected to augment ankle mechanics.  Prior studies (e.g., [49]) provide more extensive 
evidence of performance benefits that can be obtained through ankle augmentation. We limited our 
case studies to level walking. We did not attempt to optimize the assistance spring stiffness. Of note, 
prior experimental testing [5] and theoretical models [130] each suggest that a constant spring  
stiffness  may be  near  optimal for a fairly  wide  range  of  walking  speeds.  Due to the shorter  lever  
arm  and  interface  compliance,  our  peak device torque during steady-state  walking  was  lower  
than the predicate exoskeleton [49] when using similar stiffness springs. However, we demonstrated 
that our exoskeleton was capable of producing higher levels of torque with greater assistance spring 
stiffness (e.g., Fig.  4.7).  During  the  static maximum  torque  trial,  using  the  stiffest  spring  tested in  
our  case  studies,  the  shank  interface  supported  about 650 N of  peak  downward force.  Previous 
published studies have also successfully applied ∼300-500 N to similar shank interfaces without user 
discomfort [72], [79], [89]. What remains to be seen is if these higher levels of force can be sustained 
for longer periods of time during walking without subject discomfort (which is important for assistive 
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device users [84], [90]). Alternatively, slight increases in the lever arm would increase assistive ankle 
torque and reduce applied forces, while likely still being concealable under most clothing. Additional 
modes of locomotion (e.g., running) and terrains (e.g., slopes) warrant formal multi-subject testing in 
future studies, as does evaluation of non-linear vs. linear springs.  
 
We did not test users with alternative gait patterns (e.g., equinus gait or other patterns observed in 
clinical populations), which could affect the performance of the device. Our exoskeleton is intended 
for users who can achieve sufficient ankle dorsiflexion, and who may benefit from low to moderate 
torque assistance. For populations which require more substantial amounts of assistance or more 
specialized/variable control, then a powered device, rigid frame or alternative intervention may be 
required. In these cases, powered assistance and/or rigid frame components may be valued more 
highly than device size, weight or concealability. 

4.8.5 Translational Challenges 

 

Our new device design addresses some of the key challenges to translating assistive devices from the 
lab into the real world. However, we foresee a few additional potential challenges related to 
exoskeleton translation: interface migration, effects on thermoregulation and sweat. We did not 
observe migration of the shank interface (i.e., slippage relative to the skin) during our case study 
experiment; however, it has been observed that these types of sleeves can sometimes begin to slowly 
migrate down the leg over longer timescales or in the presence of substantial sweat [79]. Prior work 
suggests that such interface migration can be mitigated, in part or in whole, by further tensioning the 
strap above the calf muscle bellies [72], [88], [89]. Migration is important to mitigate because it can 
impact both device performance and user comfort. Differences in the shape of each user’s shank also 
affect device fit (and potential migration) and should be considered in the design of the interface. In 
terms of translating our device into real-world environments, we predict that heat and sweat are also 
pragmatic challenges to address. These issues could potentially be mitigated by various means. For 
instance, the sleeve might be designed to dynamically loosen/tighten on the shank, through the use of 
shape memory alloy actuators [131] or a compact manual lacing system (e.g., Boa Lacing System). In 
effect, this would allow users to switch between a tighter-fitting compression-like garment and looser 
fitting pants as needed, depending on whether or not they required assistance from the device. 
Alternatively, sweat might be controlled with locally- applied antiperspirants, or thermoregulation of 
skin via the inclusion of air flaps/vents, breathable/sweat wicking garment materials or other coolant 
mechanisms. For certain populations (e.g., elderly with frail skin), comfort and/or the magnitude of 
loading that can be distributed over the skin may also need to be considered. Although comfort was 
not a limiting factor in our case studies on young healthy individuals, it may nonetheless place 
practical limits on the magnitude of assistance that can be provided to certain aging or patient 
populations, or limits on the amount of continuous device usage by a given user. These areas require 
future investigation on specific populations, and comfort-related aspects may be highly user-specific. 
 
In future design iterations it may also be preferable to add a small, secondary mechanism on the shank 
interface which would allow a user to completely disengage the assistance spring (i.e., to completely 
“turn off” exoskeleton assistance). This functionality would provide two key benefits. First, some 
individuals may only desire intermittent assistance (e.g., when they are becoming fatigued). In many 
cases exoskeletons are not intended for all-day, everyday use, but rather can provide assistance on 
demand and as needed to augment users during difficult, onerous or repetitive tasks. This added 
feature would enable users to engage/disengage assistance on demand with- out needing to don/doff 
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the exoskeleton. Second, exoskeleton elastic energy storage and return may not be desirable for all 
tasks. Although our proposed ankle exoskeleton is of appropriate form-factor for most daily activities, 
there may still be tasks where it would be preferable for exoskeleton assistance to be completely 
disengaged (even when the foot is in contact with the ground). A potential example is in stair descent, 
where the ankle primarily absorbs energy, rather than storing and returning energy. A user-controlled 
on/off feature would be relatively straightforward to add (e.g., a manual clutch or a simple mechanism 
to slacken the rope) and would prevent the assistance spring from stretching over the ankle’s full 
range of motion, even if the under-the-foot clutch is engaged. 
 

4.9 Conclusion 

 

In summary, this work demonstrates how an unpowered ankle exoskeleton could be redesigned to fit 
underneath clothing and inside/under shoes, such that it more seamlessly integrates into daily life. In 
effect, our device blends the assistive benefits of exoskeletons with the form-factor benefits of 
clothing; analogous to our previously developed clothing- like device for offloading the low back [75]. 
Our ankle exoskeleton design is low profile, lightweight, quiet, low cost to manufacture, intrinsically 
adapts its behavior to different speeds, and does not restrict non-sagittal ankle range-of- motion. Yet 
the device still provides assistive ankle torque during gait that can reduce demands on the biological 
musculature. To accomplish this, we integrated a novel low profile under-the-foot clutch with a soft 
conformal shank interface. 
 
The clutch and interface were then coupled together by an ankle assistance spring that operates in 
parallel with the user’s calf muscles. To our knowledge, this is the first such device that could be 
feasibly worn while concealed under typical daily clothing, highlighting the exciting potential for wider 
adoption of exoskeletal technologies into society, which could benefit a broad range of individuals. 
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Chapter 5: The Relationship between Metabolic Cost, Step Frequency, and Barefoot Walking 

 

5.1 Chapter 5 Summary 

 
This chapter is a published paper entitled “Preferred Barefoot Step Frequency is Influenced by Factors 
Beyond Minimizing Metabolic Rate”, published in Nature Scientific Reports in March 2016 [45]. This 
chapter presents evidence that humans do not necessarily naturally select the metabolically minimal 
step frequency during barefoot walking. 
 
[45] M. B. Yandell and K. E. Zelik, “Preferred Barefoot Step Frequency is Influenced by Factors Beyond 
Minimizing Metabolic Rate,” Sci Rep, vol. 6, Mar. 2016. 

5.2 Abstract 

 
Humans tend to increase their step frequency in barefoot walking, as compared to shod walking at the 
same speed. Based on prior studies and the energy minimization hypothesis we predicted that people 
make this adjustment to minimize metabolic cost. We performed an experiment quantifying barefoot 
walking metabolic rate at different step frequencies, specifically comparing preferred barefoot to 
preferred shod step frequency. We found that subjects increased their preferred frequency when 
walking barefoot at 1.4 m/s (~123 vs. ~117 steps/min shod, P = 2e-5). However, average barefoot 
walking metabolic rates at the preferred barefoot and shod step frequencies were not significantly 
different (P = 0.40). Instead, we observed subject-specific trends: five subjects consistently reduced 
(−8% average), and three subjects consistently increased (+10% average) their metabolic rate at 
preferred barefoot vs. preferred shod frequency. Thus, it does not appear that people ubiquitously 
select a barefoot step frequency that minimizes metabolic rate. We concluded that preferred barefoot 
step frequency is influenced by factors beyond minimizing metabolic rate, such as shoe properties 
and/ or perceived comfort. Our results highlight the subject-specific nature of locomotor adaptations 
and how averaging data across subjects may obscure meaningful trends. Alternative experimental 
designs may be needed to better understand individual adaptations. 

5.3 Introduction 

 
Humans value economy of locomotion, and prior studies suggest that people tend to adopt a step 
frequency that minimizes metabolic rate at a given walking speed[96], [132]–[136]. However, this 
energy minimization hypothesis related to step frequency is based on the study of shod walking. 
During barefoot walking, subjects increase their self-selected step frequency (as compared to shod 
walking at the same speed[137]–[139]), but the reason for this increase has not been explained. One 
potential reason for the increase in barefoot step frequency (relative to shod) is that removing the 
shoes changes the gait optimization (e.g., because the mass, length or other properties of the shoe no 
longer have an effect), shifting the frequency at which minimum metabolic energy is expended for a 
given speed. For instance, simple walking models have demonstrated that the human speed-step 
frequency relationship can be reasonably approximated as a cost trade-off between performing 
mechanical work during stance phase and the exerting effort to swing the leg[94]. Thus, the removal 
of shoe mass during barefoot walking could potentially reduce the leg swing cost, resulting in a new 
metabolically-optimal step frequency. Previous studies have demonstrated that people can quickly 
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adapt their step frequency to find a new metabolic minimum when locomotor demands are 
altered[140], [141]. An alternate possibility is that humans adopt a faster step frequency when walking 
barefoot even though it does not minimize metabolic rate. The locomotor pattern during barefoot gait 
may result from a more complicated cost function, involving more than metabolic rate[136], [142]–
[145]. For instance, a person might prefer to walk at a less economical step frequency while barefoot 
in order to avoid the discomfort of large heel impacts. People appear to be willing to trade economy 
for comfort[146], and previous evidence suggests that people change their motor behavior when 
running barefoot[147]–[149] and when running or landing onto surfaces with varying levels of 
cushioning or compliance[150]–[152]. The purpose of this study was to test the first possibility, that 
people increase their step frequency while barefoot in order to minimize the metabolic cost of 
walking. We performed an experiment to quantify the metabolic rate of walking barefoot at different 
step frequencies, and specifically to compare the metabolic rate when walking barefoot at an 
individual’s preferred barefoot step frequency vs. their preferred shod step frequency. 

 
Table 5.1:  Experimental Protocol. A: Barefoot walking at Barefoot SS Step Frequency, and B: Barefoot 

walking at Shod SS Step Frequency. 
 

Pre-Test 0 1 2 3–8 9 10 Post-Test 

Treadmill 
Acclimation, 
Measurement of 
SS Step Freq. 
Barefoot & Shod 

 
Standing at 
Rest 

 
A 

 
B 

Barefoot walking at freqs. 
−15%, −10%, 
−5%, +5% & +10% from 
Barefoot SS freq., & Shod 
walking at Shod SS freq. 

 
B 

 
A 

Re-measure 
SS. Step Freq. 
Barefoot & 
Shod 

 

5.4 Methods 

 
We sought to compare the rate of metabolic energy expenditure for individuals walking barefoot at 
their barefoot vs. shod self-selected (SS) step frequency. We tested 10 subjects (21.5 ± 3.2 years old, 
69.6 ± 13.5 kg, 171.8 ± 9.7 cm height, mean ± s.d.) during level walking on an instrumented treadmill. 
This sample size resolves mean differences >2.5% for this paired t-test experimental design, assuming 
power = 0.9, alpha = 0.05 and 2% standard deviation for within day metabolic measurements[153]. 
This study was approved by the Vanderbilt University Institutional Review Board and all subjects gave 
informed written consent prior to participation. Experiments were carried out in accordance with 
approved guidelines. 

5.4.1 Pre-Test 

 
Each subject performed pre-test treadmill acclimation/training trials at sequentially increasing speeds 
from 0.6 to 1.4 m/s. These trials were first performed shod, using the subject’s own tennis shoes. Once 
subjects reached a steady gait cycle at each speed, we measured their step frequency, and defined this 
as their shod SS step frequency. This acclimation protocol was then repeated for barefoot walking, and 
each subject’s barefoot SS frequency was calculated. Two of the 10 subjects only completed 



 

67 
 

acclimation trials at the experimental testing speed of 1.4 m/s, while the remaining 8 participants 
completed acclimation at all speeds. 

5.4.2 Metabolic Testing 

 
Subjects performed 10 walking trials while matching the step frequency of a metronome and one trial 
standing at rest. Previous work found that using a metronome to enforce a desired step frequency did 
not significantly impact metabolic results, compared to walking at the same step frequency without a 
metronome[135]. For all trials, a metabolic system (Cosmed K4b2, Rome, Italy) was used to measure 
the subject’s oxygen uptake and carbon dioxide production rates for a minimum of 5.5 minutes. These 
steady-state estimates are relevant to both short and long duration bouts of walking. Although the 
length of “real-world” walking periods is typically much less than 5.5 minutes[154], it has been 
estimated that the majority of the energy is still consumed at or near steady-speed walking during 
these bouts[155]. In addition, ground reaction force data were also recorded at 1000 Hz via the split-
belt treadmill (Bertec, Columbus, OH, USA) and used to aid interpretation of results. All studies began 
in the morning, and subjects were instructed to refrain from eating breakfast prior to the start of the 
study. At the start of the study subjects completed acclimation trials and their SS step frequencies 
were measured while both barefoot and shod, as detailed above. Metabolic data were then recorded 
while the subject was at rest (Trial 0, Table 1). Following this, subjects performed AB conditions, in 
which “A” represents barefoot walking at the barefoot SS frequency, and “B” represents barefoot 
walking at shod SS frequency (Trials 1–2, Table 1). We also sought to more carefully characterize the 
systematic changes in metabolic cost due to increasing or decreasing barefoot walking step frequency. 
Therefore, after the AB conditions subjects performed 5 additional randomized conditions, matching 
step frequencies from −15% to +10% relative to their barefoot SS frequency (−15%,−10%, −5% [~shod 
SS step frequency], +5%, +10%). We selected this range to include trials approximately ±10% from 
both the shod and barefoot SS step frequencies. As a point of reference, one shod trial, walking at the 
shod SS frequency, was also randomized in the order and tested (Trials 3–8, Table 1). The subjects 
then repeated AB conditions at the end of the study (Trials 9–10, Table 1), but with the order reversed 
(BA). Some participants completed the trials in AB-BA order, and the remainder completed the trials in 
BA-AB order to help eliminate order bias. We had participants complete these identical conditions at 
the start and end of the study to compare barefoot walking at their barefoot vs. shod SS frequencies 
(Table 1). We limited the total number of trials to 10 to avoid subject fatigue. 

5.4.3 Post Test 

 
After completion of the metabolic trials, each subject’s (except 1) SS barefoot and shod step 
frequencies were measured again (without the metronome) at the nominal study speed of 1.4 m/s to 
confirm consistency (Table 1). 

5.4.4 Data Analysis 

 

Results were analyzed to determine if the metabolic rate during barefoot walking was reduced at the 
barefoot SS frequency as compared to the shod SS frequency. Gross metabolic rate was computed 
from the metabolic data corresponding to 50–90% of the trial duration (2.74 ± 0.38 min., mean ± s.d.), 
and used to calculate metabolic power based on the equation given by Au[156], derived from 
Brockway [157]. Net metabolic power was then calculated by subtracting out the power during 
standing rest and normalized by subject mass. Statistical comparisons were performed using an 
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analysis of variance with Holm-Sidak step-down correction and significance level of α = 0.05 for the 
parameter sweeps, and a two-tailed paired t-test using significance level of α = 0.05 for all other 
comparisons. Individual limb center-of-mass (COM) work rate was computed as the dot product of 
filtered (25 Hz, 3rd order, low-pass, zero lag) 3-dimensional ground reaction forces with the COM 
velocity [59], [158] and used as a supplementary measure of gait biomechanics. Mechanical cost of 
transport was calculated to estimate positive COM work per meter. Prior studies suggest that under 
certain circumstances increases in mechanical cost of transport tend to correlate with increases in 
metabolic cost[93], [159]. To investigate this potential relationship a linear regression (with 95% 
confidence interval) was fit to these data, and the correlation coefficient was computed. 
 

 
 
Figure 5.1:  Average metabolic rate of walking barefoot at the shod SS step frequency vs. barefoot SS 
step frequency. Subjects increased their step frequency when walking barefoot as compared to shod 
(P = 2e-5). But on average, walking barefoot at the barefoot SS step frequency did not result in 
reduced metabolic rate compared to barefoot walking at the shod SS frequency (P = 0.40). Inter-
subject means and standard deviations are depicted. Paired t-tests were used for statistical 
comparisons. 
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Figure 5.2: Self-selected step frequency vs. speed. At increasing walking speeds subjects exhibited 
higher step frequencies barefoot than shod. Barefoot step frequency was significantly higher at speeds 
at or above 1 m/s (1 m/s, P= 0.002, 1.2 m/s, P= 5e-4, 1.4 m/s, P= 3e-4). Inter-subject means and 
standard deviations are depicted. Paired t-tests were used for statistical comparisons. Significant 
differences are denoted with asterisks (*). 

5.5 Results 

 

We observed that subjects increased their SS step frequency when walking barefoot (122.9 ± 6.5 
steps/min, mean ± s.d.) vs. shod (116.5 ± 6.1 steps/min, mean ± s.d.) at 1.4 m/s. The difference (Δ 6.4 
± 2.5 steps/min, mean ± s.d.) was statistically significant (P = 2e-5, N = 10, Figure 5.1). However, on 
average, we found that the metabolic rate during barefoot walking at the barefoot SS step frequency 
was not significantly different from the metabolic rate during barefoot walking at the shod SS 
frequency (P = 0.40, N = 10, Figure 5.1). At speeds of 1 m/s or above, subjects significantly increased 
their barefoot vs. shod SS step frequency (1 m/s, P = 0.002, 1.2 m/s, P = 5e-4, 1.4 m/s, P = 3e-4, N = 8, 
Figure 5.2). However, no significant difference was observed at the slower speeds of 0.6 (P = 0.81) and 
0.8 m/s (P = 0.64, N = 8, Figure 5.2). 
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Figure 5.3: Subject-specific metabolic rate trends for individuals walking barefoot at their shod SS 
and barefoot SS step frequencies, obtained during an ABBA experimental design. Metabolic trends 
were observed to be highly subject specific. AB and BA trials are connected with lines to delineate 
trials that were collected sequentially (i.e., at the beginning or end of the study). 
 

 
 
Figure 5.4:  Average metabolic rate for subjects walking barefoot at step frequencies from −15% to 
+10% relative to their barefoot SS step frequency. The metabolic rate for shod walking at the shod SS 
frequency is depicted in black. Subject averaged metabolic data resulted in a shallow bowl. Inter-
subject means and standard deviations are depicted. Repeated measures analysis of variance (ANOVA) 
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was used for statistical comparisons. Significant differences are denoted with asterisks (*). 
 
When the metabolic rates for individual subjects were examined, we observed subject-specific trends 
(Figure 5.3). We considered the AB and BA comparisons separately, to avoid bias due to metabolic 
drift over the course of the experiment. For 5 of the 10 subjects tested, net metabolic cost was 
consistently lower (−8% average) when they walked barefoot at the barefoot SS step frequency (~123 
steps/min) than at the shod SS frequency (~117 steps/ min). In contrast, 3 subjects exhibited 
consistently increased metabolic rate (+10% average) at the barefoot SS frequency. The remaining 2 
subjects had an average reduction in metabolic cost (−6%). Technically, both AB and BA trends for 
these two subjects indicated decreased metabolic cost at barefoot SS frequency. However, in each of 
these cases, one of the trends was negligible (<0.01 W/kg change in metabolic rate, Figure 5.3). 
 
We found that plotting the average metabolic rate at step frequencies from −15% to +10% relative to 
SS barefoot frequency resulted in a shallow bowl (U-shaped) profile, qualitatively similar to those 
reported in previous literature[132], [134], [136]. The metabolic rate at the lowest step frequency 
(−15% relative to barefoot SS) was significantly higher than every other barefoot condition (−10%, P = 
0.004, −5%, P = 2e-7, barefoot SS, P = 1e-6, +5%, P = 1e-6, +10%, P = 1e-5, N = 10). The second lowest 
frequency condition (−10%) was significantly higher than the third lowest (−5%, P = 0.003, N = 10, 
Figure 5.4). No other statistical differences were observed. 
Average COM work rate was similar for barefoot walking at the barefoot and shod SS frequencies 
when normalized to stride cycle. Changes in mechanical cost of transport were not found to correlate 
with changes in metabolic cost (R2 = 0.004). Larger differences were observed in COM work rate for 
barefoot walking (at the barefoot and shod SS frequencies) vs. shod walking (at the shod SS frequency, 
Figure 5.5). Barefoot walking exhibited a reduced power transient immediately following heelstrike 
(~0–2% of stride cycle), compared to shod. The barefoot COM work rate also exhibited reduced peaks 
during the Rebound and Preload phases of gait[123], [160], and the phases of gait were temporally 
shifted earlier in the stride cycle during barefoot walking, compared to shod (Figure 5.5). 
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Figure 5.5: Average center-of-mass (COM) power. Leading (top) and trailing (bottom) limb power 
curves are depicted separately. Barefoot walking resulted in similar COM power waveforms at both 
barefoot and shod SS step frequencies when normalized to stride cycle. Shod walking exhibited more 
substantial differences in COM power, in terms of the magnitude and timing of peaks. The stride cycle 
is depicted from foot contact to ipsilateral foot contact. Collision, Rebound, Preload, Pushoff and 
Swing phases of gait are labeled, based on fluctuating regions of positive and negative COM power. 
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5.6 Discussion 

 

Minimization of metabolic energy is often assumed to be the primary factor governing preferred step 
frequency during human walking and running[94], [142], [144], [145]. This assumption is derived from 
empirical observations of shod gait, which suggest that people choose a step frequency close to the 
metabolic minimum during level-ground, forward walking[96], [132]–[135] and also during walking 
conditions when biomechanical demands are altered[140], [141]. From these observations one might 
predict that when walking barefoot humans would also adjust their step frequency to minimize 
metabolic demands. However, our experimental findings did not support this energy minimization 
hypothesis. All individuals tested increased their step frequency while walking barefoot (by an average 
of approximately 5% relative to shod, at 1.4 m/s), but on average the metabolic rate for barefoot 
walking at this barefoot SS frequency was not significantly different than the metabolic rate at the 
slower shod SS frequency (P = 0.40, Figure 5.1). 
 
We observed subject-specific trends in our comparison of barefoot walking metabolic rate at the 
barefoot vs. shod SS frequencies, which could not be directly attributed to changes in mechanical cost 
of transport. Although five subjects did exhibit a consistent reduction in metabolic rate (−8% average) 
at their barefoot SS frequency (compared to shod SS frequency), three subjects consistently exhibited 
the opposite trend (+10% average). For these subjects, their preferred barefoot step frequency during 
these trials was more metabolically costly at steady state than the step frequency at which they 
typically walk shod (Figure 5.3). We consider these subject-specific metabolic differences potentially 
meaningful, since they are similar in magnitude to metabolic savings reported in recent exoskeleton 
studies[17], [19] which have been considered human augmentation breakthroughs. The remaining two 
subjects exhibited less consistent trends; although the AB and BA trends were both technically 
decreasing, one of them was a negligibly small decrease (Figure 5.3). This subset of subjects with less 
consistent trends may yield additional interesting insights, but the number of individuals observed 
limited conclusive interpretations from this study. 
 
We have reasonable confidence that the trends observed were not due solely to random variation. 
Since there are four possible combinations of trends (both up, both down, 1 up/1 down, 1 down/1 up) 
we would expect due to random chance that 50% of subjects would exhibit consistent trends and 50% 
would not. However, the probability of all 10 of our subjects having consistent trends by random 
chance, as we observed, is 0.1% (0.510). Collectively, our results indicate that although subjects 
consistently increased their step frequency barefoot, the reason for this change in step frequency was 
not well explained by the minimization of metabolic rate. 
We measured metabolic trends twice for each subject (ABBA protocol, Table 1), which was adequate 
for the purposes of this study, focused on comparing shod vs. barefoot SS step frequencies. To more 
rigorously quantify the repeatability of these trends a greater number of trials may need to be 
collected at each step frequency of interest. Alternative experimental designs (e.g., single-subject 
design[161]–[163]) may be more appropriate if the primary objective is to assess the consistency of 
the metabolic trends. Our results add to the scientific knowledge-base of footwear[164]–[166] and 
locomotion studies[17], [37], [64] which indicate highly subject-specific adaptations. 
 
On average, we found no substantial differences in metabolic rate while subjects walked within the 
range from −5% to +10% of their barefoot SS frequency (Figure 5.4); however, the magnitude of this 
range (15%) is likely an over-estimate for a given individual. Looking only at subject-averaged data 
suggests that people may be able to choose a relatively wide range of frequencies around the 
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preferred step frequency with minimal or no metabolic penalty. However, because of subject-specific 
metabolic trends and minima (Figure 5.3), averaging across subjects tends to create a shallower 
metabolic curve on average (Figure 5.4). For instance, based solely on the averaged data (Figure 5.4) 
the metabolic difference between shod and barefoot SS frequency is 2%. Yet, if each subject is 
analyzed separately (Figure 5.3) and we consider the absolute value of this metabolic difference, then 
we find a mean difference of 8%. This corroborates the assertion that subject-specific metabolic bowls 
are steeper than the average depicted in Figure 5.4. Ideally, subject-specific metabolic curves (i.e., 
metabolic rate vs. step frequency) would be used to determine how much each individual can vary 
his/her step frequency around the metabolic minimum before incurring a statistically or clinically 
relevant increase in energy expenditure. But empirically there are practical challenges due to 
variability in typical metabolic estimates, such as indirect calorimetry[64]. A substantially larger 
dataset for each individual would be required than was collected in this experiment, and potentially a 
completely different multi-day experimental design would be necessary (e.g., single-subject 
design[161]–[163]). Nevertheless, we can still speculate about the qualitative implications of the 
metabolic bowl shapes, observed here and in prior studies involving step frequency parameter 
sweeps[96], [132]–[136], [144], [145]. It is likely that there is some range of step frequencies 
surrounding the metabolic minimum frequency, at which there is a negligible increase in energy 
consumption. If so, employing energy minimization as a primary factor in the neuromotor cost 
function may be beneficial for identifying a subset of economical step frequencies, while other factors 
or neural constraints might influence the precise step frequency chosen within that range[136], [142]–
[145]. 
 
Shoe properties may explain why people adopt a faster step frequency when walking barefoot. For 
instance, in this study the height of the shoe’s sole added on average 28 mm to the overall length of 
the leg (height from hip to ground during standing). However, if we apply a published leg length vs. 
step frequency regression equation[94] to our data, it only explains a fraction of the change in step 
frequency (3.1 steps/minute change predicted vs. 6.4 steps/minute change observed). This agrees with 
previous work that has shown that walking with vs. without shoes can impact the step frequency 
chosen[137]–[139]. Other shoe properties such as length, weight, or bending stiffness could also affect 
preferred barefoot step frequency, and these warrant further study in a controlled experiment. 
 
The absence of shoe cushioning or the perceived level of comfort may also motivate individuals to 
modify their step frequency during barefoot gait. The “cost of cushioning” hypothesis[147], [166]–
[168] posits that muscle contractions help to cushion impacts during locomotion and that there is an 
energetic penalty incurred for this behavior. Artificial cushioning has been shown to alter foot forces in 
shod vs. barefoot walking[169] and when running on compliant vs. stiff track surfaces[152]. Studies of 
barefoot and shod running (under mass-matched conditions)[147], [166]–[168] and landing 
barefoot[150] indicate that in the absence of artificial cushioning (i.e., provided by a shoe or ground 
surface) individuals tend to expend additional metabolic energy or to perform additional mechanical 
work, presumably to avoid discomfort associated with the higher impacts experienced by the 
musculoskeletal system in barefoot activities. This observed phenomenon may also be relevant to 
footstrikes experienced during barefoot walking, and we observed some indirect biomechanical 
evidence that footstrike cushioning and/or subjective comfort may indeed be key factors underlying 
the barefoot SS step frequency. For instance, we observed that the SS step frequency for barefoot 
walking was only considerably faster than shod walking at or above 1 m/s (Figure 5.2). This indicates 
that as speed increases during barefoot gait that people elect to take shorter steps than they would 
shod, potentially to reduce footstrike collision magnitudes. However, there were a variety of other 
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differences observed in the COM work rate between shod and barefoot walking (Figure 5.5), indicating 
that humans also make other biomechanical adjustments. Although shoe properties and subjective 
comfort may be critical factors underlying subject-specific behavioral modifications during locomotion, 
the challenge remains to integrate these concepts into biomechanical models and our theoretical 
understanding of gait, and to account for these factors when designing future experimental studies. 
 
These findings have important translational, methodological and scientific implications. 
Translationally, these results indicate that for some individuals it may be possible to improve their 
barefoot gait economy through biofeedback or training. It has previously been demonstrated that 
individuals could be given feedback to reduce their metabolic cost while walking down a slope[170]. 
The same may be true for barefoot walking and potentially running. If some individuals are operating 
close to but not at their metabolic minimum step frequency, then it is plausible that footwear 
properties could be manipulated to encourage a more optimal step frequency, which would be 
expected to reduce metabolic demands and improve an individual’s performance[135]. 
Methodologically, this study highlights the subject-specific nature of locomotor adaptations, even 
during relatively small deviations from shod walking. Averaging results across subjects may obscure 
certain subject-specific trends and may not reflect individual gait adaptations, which can affect 
scientific interpretations. Similar subject-specific results have been observed in previous 
footwear[164]–[166] and assistive device studies[17], [37], [64]. This presents a nuanced challenge for 
data analysis and interpretation, and calls attention to limitations of commonly-used repeated 
measures study designs. Alternative experimental designs, such as single-subject design[161]–[163], 
may be beneficial for discerning how individuals respond to different interventions. These approaches 
could also be highly relevant to clinical populations, given inter-individual variability. 
 
This study has several limitations. First, all subjects tested were habitually shod walkers. Second, 
subjects wore their daily tennis shoes, but we did not standardize on a single brand/type of shoe worn 
in the study. Nevertheless, all subjects demonstrated the same increasing trend in step frequency 
when they transitioned to barefoot walking, so this footwear confound is not expected to change any 
of our qualitative findings. Third, this study focused on metabolic rate as the primary outcome 
measure, which can exhibit variability due to physiological and environ- mental factors[167]. For the 
main comparison of interest (Figure 5.1 and Figure 5.3), this was partly controlled for by using an ABBA 
experimental design to identify consistent trends. However, for other conditions metabolic data were 
only collected in one trial. Additionally, metabolic data were only collected for one walking speed, 
limiting our ability to fully generalize conclusions. Ground reaction force data were collected and 
analyzed for this study, but not kinematics or electromyography, limiting identification of specific 
mechanisms underlying step frequency changes. Prior barefoot studies have also found other 
differences in shod vs. barefoot gait, which were not re-investigated in our analysis, including 
differences in pressure patterns[171] and foot motion[139], [172]. 
 
It is commonly stated in literature that humans naturally select a step frequency that minimizes 
metabolic cost while walking; however, upon reviewing the primary sources we found that this 
statement is based on somewhat limited data and is not convincingly validated. We identified several 
primary sources, which empirically varied step frequency and measured metabolic cost during shod 
walking, and which have been frequently cited in support of the assertion that humans select a step 
frequency that minimizes metabolic cost during walking. Three often-cited studies are Atzler[134] (N = 
1, data reproduced in Elftman[133]), Cotes[145] (N = 1), and Molen[136] (N = 1 for comprehensive 
parameter sweep, N = 10 for reduced parameter sweep, data reproduced in Zarrugh[96]). However, 
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these studies did not rigorously compare metabolic cost at SS step frequency vs. alternative step 
frequencies. Also, in each of these studies a relatively small number of frequencies were tested over a 
large range. For instance, Atzler tested step frequencies of 50, 75, 100, 130 and 150 steps/minute. In 
contrast, our study only encompassed frequencies around SS, ranging from ~105–135 steps/minute 
(Figure 5.4, depicting frequencies from −15% to +10% of relative to barefoot SS step frequency). Thus, 
in Atlzer, Cotes, and Molen, limited data were collected around the metabolic minimum step 
frequency, yielding insufficient data to validate the claim that individuals adopt a step frequency that 
minimizes metabolic cost. A fourth study by Zarrugh[132] performed a multi-subject experiment (N = 
7) that concluded “the freely chosen step rate requires the least oxygen consumption at any given 
speed.” However, upon careful inspection of the data we observe that for several subjects their SS 
step frequency did not correspond with the minimum measured metabolic cost. Despite the study’s 
stated conclusion, the data did not definitively demonstrate that SS step frequency resulted in a lower 
metabolic rate than other faster or slower step frequencies. Rather results and analyses were focused 
on validating a previous predictive walking model[96]. A fifth study by Holt[135] tested 8 subjects 
walking with a range of step frequencies (up to ±15 steps/minute from SS) at constant speed. They 
observed that a quadratic trend (i.e., bowl shape) could be fit to the mean metabolic curve (individual 
subject results were not reported). Although the authors posited that the SS step frequency resulted in 
minimum metabolic cost, the results reported did not actually indicate that the metabolic cost at 
preferred step frequency was statistically lower than step frequencies that were slightly faster or 
slower (e.g., ±5 steps/ minute from SS). Results from our study indicate that changes in step frequency 
on the order of 5 steps/minute could have a meaningful effect on metabolic energy consumption 
(Figure 5.3). It therefore remains unclear if people prefer the metabolically optimal step frequency, or 
simply a frequency near the metabolic minimum. We note that metabolic effects could be indirect, 
and that the changes in metabolic cost observed could be the result of an optimization of many task 
dependent factors including step frequency. In a follow-up study by Holt[173], a larger range of 
frequencies were tested, but these were relatively far from the SS frequency (±15%, 25% and 35% of 
SS). A study by Minetti[174] also measured metabolic rate at SS and other controlled step frequencies 
(N = 6). However, it only reported cubic regressions fit to the mean metabolic data (R-squared fit 
values ranging from 0.391 to 0.774), and based on the published data it is not possible to determine if 
the SS frequency is at, or simply near the metabolic minimum for each subject tested. The most 
comprehensive study by Bertram[144] tested 10 individuals at 49 combinations of speed (0.26–2.34 
m/s) and step frequency (~48–176 steps/min). The study found a reasonable correspondence between 
the SS step frequency and the metabolically optimal frequency; however, it ultimately concluded that 
notable deviations from the metabolic minimum suggested that other factors also influence the SS gait 
pattern. Each of the studies summarized above is consistent with the notion that people generally 
prefer a step frequency relatively near to the metabolic minimum frequency; however, direct 
empirical evidence is lacking to either support or refute the claim that humans naturally adopt a step 
frequency that actually minimizes metabolic cost. Additional studies have considered the effect of step 
frequency on mechanical energy outcomes[142], or used modeling approaches to consider the energy 
minimization hypothesis[94], [143], but these studies did not directly quantify metabolic cost in 
human subjects. Results from our current study (which we remind was on barefoot and not shod 
walking) suggest subject-specific metabolic trends in which the SS step frequency is not always 
energetically optimal. Further experimental studies, which perform multiple repeated tests on a 
subset of conditions to identify consistent relative differences in metabolic rate, may be necessary to 
conclusively address whether individuals actually prefer the optimal (metabolic minimum) step 
frequency, or to identify the degree to which individuals deviate from this metabolically optimal gait 
pattern. 
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In summary, we found that at speeds at or above 1 m/s individuals consistently increased their step 
frequency when walking barefoot, as compared to shod. However, contrary to the energy 
minimization hypothesis, the observed increase in barefoot step frequency was not well explained by 
a ubiquitous desire to minimize metabolic cost. While walking barefoot, half of our subjects 
demonstrated a consistent reduction in metabolic rate at the barefoot SS frequency as compared to 
the shod SS frequency. However, about a third of the subjects consistently exhibited the opposite 
trend – their preferred barefoot step frequency was actually more metabolically costly than their 
typical shod step frequency. For these individuals it may be possible to use biofeedback to improve 
their barefoot walking economy. Biomechanical observations suggest that shoe properties and/or 
perceived comfort may be important factors influencing preferred barefoot step frequency, and these 
warrant further study through controlled experiments. Overall, these findings indicate subject-specific 
behavioral adaptations during barefoot gait, which are not well captured by group-averaged data. 
Based on the observations in this study it does not appear that all individuals optimize their step 
frequency to minimize metabolic cost during barefoot walking. Furthermore, based on a re-evaluation 
of prior literature, the degree to which shod walkers minimize their metabolic cost also remains 
unclear.
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Chapter 6: Conclusions and Future Work 

 
This dissertation has presented several research contributions to exoskeletons and exosuits for the 
augmentation of human locomotion tasks. These research projects have potential for application in 
further research and in practical devices, but many facets of exosuits, interface dynamics and human 
locomotion remain to be explored. The following section details possible directions for future work, 
with this dissertation as a starting point. 

6.1 Future Work for Chapter 2: Quantifying Interface Dynamics 

 
Interface dynamics play an important role in transferring power from exosuits to augment locomotion. 
Additional experiments with multiple subjects and additional exosuits would help elucidate subject 
and device specific differences in power transfer analysis. Further decomposing the relative power 
transfer contributions of exosuits interfaces vs. the soft tissues underlying them would also delineate 
sources of power loss and areas for improvement in interface design. Longer term experiments 
exploring interface migration over time would help quantify the limits of current exosuits interface 
design, and help determine whether the actuation profile needs to be modified or if the interface 
should be redesigned to prevent slipping. Another area of research is testing subject comfort and skin 
integrity over repeated loading cycles when assisted by an exosuits, which would help shed light on 
practical limits for exosuits assistance. 

6.2 Future Work for Chapter 3: Characterizing Comfort Limits 

 
The work presented here focused on short-term comfort limits for exosuit interfaces. Longer-term 
term testing to determine the length of time that users can tolerate forces below their comfort limit is 
an important area of research.  Further work also remains in testing different types of interfaces, in 
particular interfaces which apply forces orthogonally to the body and interfaces for segments of the 
body besides the shoulders, thigh and shank. There are additional variables of interest which should 
be explored in future work, including gender, BMI, and level of fitness and/or muscle activation. 

6.3 Future Work for Chapter 4: Low-profile Ankle Exosuit 

 
Exosuits must be designed for practical use in order to substantially impact human locomotion on a 
wide scale. Redesign of the ankle exosuits for durability and manufacturability and conducting 
robustness testing is important for implementation into the real world. Testing of additional subjects 
would reveal the repeatability and magnitude of benefit to users when using the device, as well as be 
an opportunity to use more measurement modalities such as indirect calorimetry and ultrasound 
testing. Further testing on the practical limits of the device, including other locomotion activities such 
as running and hopping, would help shape the practical applications of the device as well as highlight 
areas for improvement of the design. 

6.4 Future work for Chapter 5: Energetics of Walking 

 
Chapter 5 demonstrated that some humans are capable of adapting to walk more economically than 
their naturally chosen gait. One valuable experiment would be to test this same methodology for 
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running, and determine if barefoot running (which also has a different step frequency than shod 
running [175]) has differences in metabolic costs at different step frequencies and how this 
corresponds to the natural chosen step frequency. Another experiment directly suggested by the 
difference in step frequency between shod and barefoot walking is the potential to tune shoe 
properties to modify step frequency and encourage more economical walking behavior. This has 
application in running and other sports where modifying shoe properties has the potential to enhance 
human locomotion performance. 

6.5 Conclusions 

 
This dissertation has provided four main contributions. Chapter 2 presented the first methodology to 
quickly measure human-exosuit interface dynamics of individual components with common gait 
analysis techniques. In Chapter 3, a characterization of the comfort limits for exosuit interfaces was 
presented. Chapter 4 presented the design of a novel low-profile ankle exosuit to assist walking while 
remaining hidden under everyday clothes. Chapter 5 demonstrated that humans do not necessarily 
naturally choose the metabolically optimal step frequency when walking barefoot, and gave evidence 
that it may be possible to improve the metabolic economy of human walking of some individuals by 
simply changing step frequency. 
 
Exosuits and exoskeletons have the potential to drastically improve quality of life, whether for safety, 
rehabilitation or performance enhancement. My hope is that this dissertation can provide relevant 
groundwork for future endeavors to develop assistive devices that are more efficient, comfortable and 
practical in daily life, and that it will inspire future researchers to engage in this exciting and growing 
field. 
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Appendix A: Designing High Performance Physical Interfaces for Use in Exosuits 

 
The goal of this appendix is to detail my observations, insights and experiences in the design and 
development of interfaces for attaching exosuits to the body. This chapter has a different goal and 
format than a traditional journal paper, and is more similar to a perspective article or 
commentary. Over the past 5 years I have conducted dozens of pilot tests for materials and 
designs with the goal of effectively applying force and transmitting power from exosuits to the 
human body. As it would be impractical to quantitatively test each iteration and some aspects 
cannot be quantitatively evaluated (e.g., subject comfort), instead I compiled qualitative 
observations over the course of the testing. Please use these guidelines and design insights to 
speed your design and development of physical interfaces for exosuits.  

Background 

 
As reiterated throughout this work, a challenge for exosuit design is adequately addressing the 
issue of interfacing with the human body [21], [25], [26]. Interface dynamics affect exosuit 
performance, such as losses when transmitting power to human segments [21], [36]. Interfaces 
can also introduce undesirable interaction forces [38], [55], [176], [177] as users move through 
their range of motion. Rigid joints can restrict motion because they do not perfectly match joint 
kinematics[25], [40], [53], [55], [176], reducing user performance . Protruding rigid elements can 
also add difficulty to navigating the activities of daily living (e.g., stairs, driving, cluttered spaces). 
In addition, device visibility can contribute to social anxiety and reduce device adoption [44]. 
These factors motivate the development of a new class of physical interfaces that can transmit 
power as well as or better than current designs, while simultaneously addressing the problems 
with rigid joints and protruding elements. 

Issues with Soft Tissues 

 
Exosuit interface design is subject many constraints due to the nature of attaching to the human 
body. While several bony prominences and tendons can be loaded with forces (e.g., hip crests, 
patellar tendon), human body segments are primarily comprised of smooth surfaces, rounded 
joints, and a fleshy exterior. These features complicate the attachment of exosuit devices whose 
primary purpose is to augment human motion via external applied forces and torques.  
 
Attaching an exosuit inevitably means securing the device to skin, which is relatively compliant 
(e.g., forearm skin stiffness is ~100 N/m, Young’s modulus ~10-30 MPa) [178]–[180]and 
compliance varies across anatomical locations [181] and age [181], [182]. Soft tissues also vary in 
thickness at different locations on the body and due to posture changes (thus changing volumetric 
shape) [81]. Soft tissue stiffness is relatively low (~10-90 kPa), and varies across subject, gender, 
body location and even posture [81], highlighting the subject-specific nature of soft tissues. Soft 
tissue stiffening is largely due to underlying muscle contraction [81].  Soft tissues also 
demonstrate time-varying properties such as sweat emittance and volume changes as muscles 
contract and relax [81]. Another challenging aspect is the non-linear, viscoelastic nature of soft 
tissue [81], [176]. Soft tissues are also challenging because elevated pressures or shear forces can 
cause blood vessel disruption [176], [183], [184] or without damaging skin integrity, even at low 
stresses (70 kPa in shear and 110 kPa in the normal direction can break down materials similar to 
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human skin [185]).  
 
Soft tissues displace from initial attachment locations and absorb energy during assisted tasks 
[43]. Interface rubbing or constraint forces can also cause user discomfort, which could reduce 
adoption or modify user behavior (e.g., the proverbial pebble in a shoe). Skin surfaces also sweat 
under exertion, and more so in elevated temperatures due to interfaces. In addition to these 
concerns, it also important that interfaces can be removed and replaced as needed, as permanent 
adherence to the skin is not feasible. Making these interfaces simple to don and doff will also 
foster user adoption and ease of use. 
 
Most interfaces used in literature are themselves are primarily semi-rigid or soft, and therefore 
have compliant behavior when forces are applied to them, compounding the issues encountered 
with human soft tissues. These hurdles to the successful implementation of practical and effective 
exosuit interfaces are the subject of the following sections on key design insights and example 
applications. 
 
In addition to human soft tissue, exosuit physical interfaces also demonstrate non-rigid behaviors 
such as viscoelasticity that can hamper the performance of exosuit devices (Figure 2.4). Rigid 
devices such as carbon fiber ankle exoskeletons [17] and running exoskeletons [21], [36] have 
shown substantial reduction in stiffness due to the compliance of the rigid frame and underlying 
soft tissues. This unforseen compliance could reduce the applied torque [17], [44]and assistance 
from exoskeletons to humans [36]. Soft devices such as exosuits [40], [41], [43] as well as 
soft/rigid hybrids [44] also display substantial passive viscoelastic behavior which has been shown 
to affect the performance of assistive devices [43]. In addition, these interfaces can slip/migrate 
during use, changing the exosuit dynamics [40], [43], [44]. 

Interface Design Insights 

 
Interfaces should be carefully designed to compensate for constraints introduced by the human 
body and exosuit physical interfaces. The ideal interface has several features which enhance 
power transmission while retaining compatibility with human tissue. First, interfaces typically 
have some level of compliance, which permits displacement and stretching of the interface itself, 
as well as the underlying soft tissues during movement. Fully rigid interfaces can easily damage 
soft tissue. The goal is to merge connections from a more rigid exosuit to a compliant human. 
Thus interface compliance somewhere between rigid and soft has potential benefits, including 
enhancing fit on the user. Second, interfaces should have sufficient surface area to reduce normal 
and shear pressures below that expected to reduce blood flow [40], [176], [183] or injure skin 
[185]. Third, the interface should be able to apply sufficiently high forces for substantive 
assistance with common human movements (e.g., ~200 N or more [43], [48], [184]). Ideally, 
interfaces should also be compatible with human skin (i.e., smooth surfaces, hypoallergenic) for 
long-term use (e.g., prosthetic liners). Interfaces could also benefit from being breathable, helping 
to remove sweat which is uncomfortable and can affect interface migration [44]. Practically 
speaking, interface designs should also be easy to apply and remove for the user, to encourage 
device adoption and use. Finally, interfaces should attach to external devices which supply the 
applied forces. 
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Key Design Insights 

Overview 

 
Seeking to address these interface design factors, this sections presents a design methodology 
composed of five key insights: Insight 1: “sticky and stiff”, or creating interfaces composed of a 
compliant, sticky element combined with a stiff, inextensible element. Insight 2: force routing, or 
designing interface geometry to enhance the transference of power. Insight 3: compression, or 
using normal forces to enhance adherence, Insight 4: selecting high-performance materials, and 
Insight 5: Conformance to the limb, or choosing materials and geometry that promote tight 
couplings with the limb. These insights have been primarily applied to the development of 
interfaces for exosuits, which primarily apply forces in parallel to the body, but can also be applied 
to devices which primarily apply forces perpendicular to the limbs (both because the insights are 
generalizable and there are both shear and normal components to applied exosuit 
forces/torques). 

Insight 1: Sticky and Stiff 

 
Providing assistive force or transferring power to humans from exosuits requires interfacing 
between a compliant human and and the device(which may be rigid, soft, or somewhere in 
between). To interface with the human, it is advisable to have a design which is compliant, with 
high surface area, capable of sustaining high forces and that is compatible with and temporarily 
adheres to human skin. This incorporates the key features of the “sticky” criterion. We 
investigated multiple materials which might meet these criteria, and discovered that 
thermoplastic elastomer (TPE) prosthetic liners meet these criteria while being easy to use and 
with good compatibility for attaching to exosuits (Figure). Other materials can be used (see Insight 
4), but TPE seemed the most effective overall solution. These liners have a high degree of 
compliance, allowing them to fit a range of users. Their primary use is to cushion the user from 
rigid prosthetic sockets during daily use, and thus have large surface areas sufficient to reduce 
skin shear stress to acceptable levels. The have been adopted for daily use in the prosthetics 
industry also indicating a high degree of compatibility with human skin (i.e., comfortable to wear). 
In addition, these liners have high adherence to human skin yet, can be easily donned/doffed by a 
user. In essence, this liner acts as a “second skin” on top of the user soft tissues.  
 
In order to apply forces to the human limb through this “second skin”, a second, much stiffer layer 
is attached on top of the TPE (Figure). This serves three primary purposes. First, it provides a 
method of distributing forces across the interface while preventing the TPE layer from 
displacing/stretching under applied forces. Secondly, it provides a semi-rigid attachment (e.g., 
Kydex thermoplastic or Nylon hook-and-loop fabric) point for the exosuit of interest, providing a 
method of transmitting forces between the robot and human system. Third, applying the stiff 
layer on top of the compliant layer allows for simple removal of the interface (assuming that this 
layer is designed to be removed). Simply remove the top, stiff layer and then the compliant lower 
layer can be easily removed. This is an important aspect for practical exosuits, since integrating 
the stiff element directly into the compliant lower TPE liner makes it difficult or impossible to don 
exosuit interfaces of this design. It is possible to design interfaces which separate via some other 
mechanism (e.g., zipper, clasp, etc.), allowing the stiff layer to be integrated with the sticky layer. 
This approach was inspired by previous work in developing easy-release adhesive composites by 
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University of Massachusetts-Amherst (UMA) [186]–[188]. In this work, adhesives were designed 
based on an adhesion model, and interface properties chosen to maximize adhesion. The 
durometer of TPE liners fall roughly into the range of materials that would be expected to 
interface well with skin based upon surface roughness. Further improvements to the design may 
be possible by optimization of parameters as seen in this prior work. 
 

 
 

Figure: Layering of interfaces. 

Insight 2: Force Routing 

 
Insight 2 is designing interfaces to apply forces in specific geometric pathways to enhance force 
application and power transmission from exosuits to human users. Even with the appropriate use 
of Insight 1, poor application of Insight 2 can lead to reduced performance and premature 
interface failure. This approach has been explored by Walsh et al. in the design of their soft 
exosuits [40]. The foundation of this Insight is using the geometry and properties of the soft 
tissues, compliant lower layer, stiff upper layer, and the location/direction of the applied forces to 
enhance the performance of the interface. The primary example that will be used is that of an 
ankle exosuit, but these insights can be applied for a variety of physical interfaces for exosuits. For 
an ankle exosuit, the primary assistance is directed toward ankle plantarflexion [44], [49], by 
creating a torque about the ankle (Figure). These forces are typically applied in parallel to the 
body [44], [49], but can also be applied normally [18], [19]. 
 
Forces applied parallel to the body are challenging for interfaces. It is tempting to concentrate 
forces on the posterior calf, since that is the most direct route to assisting the ankle. However, 
this is problematic due to two primary mechanisms. First, vertical loads stretch the TPE liner, 
distorting the shape and reducing contact area with skin, essential to the performance of this and 
other friction-based mechanisms. This gap initiation can then spread across the interface, 
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continually reducing frictional area until the whole interface begins to slide down the leg. 
Secondly, all of the applied forces contribute to pulling the interface down the leg and overcoming 
interface friction. Human limbs tend to narrow across their length, so for applications that pull 
interfaces away from the center of mass (e.g., ankle or knee exosuits) any forces that are applied 
parallel to the limb tend to contribute to interface migration.  
 
Importantly, this issue is more prominent in interfaces in which applied forces are directed from 
proximal to distal, relative to limb. For exosuits which apply forces in the opposite direction (e.g., 
from the knee towards the thigh, Lamers et al. 2018 [9]), the generalized frustum cone shape of 
the limbs serves as a natural impediment to interface slippage. While the TPE liner alone would 
tend to move even under these conditions, the addition of inextensible elements prevents the 
liner from expanding and sliding up the leg. For these devices, more leniency is permitted in the 
design of the outer, inextensible layer since applied forces tend to “lock” the interface in place the 
farther it travels up the limb. In fact, if the geometry is used correctly it is possible to design the 
interface with only the adjustable stiff layer and get good performance. 
 
The overall goal of force routing is to redirect the force path such that it 1) prevents forces from 
being applied to the posterior part of the limb, 2) redirects the applied tension forces at an angle 
toward the opposite side of the limb (anterior shank in our example), which 3) results in more 
vertical loading of the anterior shank but with additional compressive forces that promote liner 
adherence. We conducted dozens of tests with different geometries to arrive at these features. In 
essence, the fundamental design is a band that begins at the anterior proximal part of the 
compliant underlayer and progresses around the shank toward the posterior distal part at an 
approximate 45 degree angle (Figure). This design seemed to be the most reliable design that 
could sustain the highest forces across our testing. Designs which wrapped around the back and 
were split in the front were less effective. Another reason for the chosen design was connecting 
the top and bottom of the interface in the posterior loaded the posterior skin below the knee 
directly and was highly uncomfortable. Using compressive straps to connect the outer layer all the 
way around the liner was also helpful, as this ensured a continuous structure that was less easily 
separated from the underlying liner and that the liner did not “roll over” to relieve pressure. This 
design was tested in preliminary investigations and responded well both to pulsed and step 
applied forces. The design works well at both the ankle and the thigh. A modified version can also 
be used for pulling up on the thigh (though this design does not require such careful 
geometry/materials as noted above). Modifications may be necessary to prevent squeezing of the 
muscles/strain on the skin, depending on the application. 
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Figure: Force routing. 

Insight 3: Compression 

 
One of the most valuable aspects of the exo-interface approach is that the interface functions well 
with minimal compressive forces. Theoretically, one could compress an interface tightly enough 
against soft tissues to prevent migration under applied forces. However, this approach reduces 
blood flow, is uncomfortable and could cause tissue damage. Blood flow can be occluded under 
relatively small pressures [40], [176], [183], and so caution should be taken not to exceed 
acceptable levels. Compression does, however, enhance the performance of the interface. Some 
of the compression is provided by the elasticity of the TPE liner (which is more effective when 
sufficiently tight), and the rest via external straps. It is important that compression is applied in 
such a way that force routing is not compromised (i.e., does not apply forces to the posterior of 
the shank/thigh). This is an advantage relative to most exosuit interfaces (semi-rigid plastic + 
straps or compressive sleeve), which tend to rely on compression to prevent interface migration. 
The compression should not be excessive, so that the subject is not uncomfortable. In addition, 
when designing interfaces it is important to ensure that the underlying muscles are not too 
constricted, as this causes discomfort and strains the interface. 
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Figure: Compression via straps. 

Insight 4: Material Selection 

 
Insight 4 is the selection of materials that contribute to effective interface design. Even with 
proper design (Insights 1-3), improper material selection can result in subpar performance. 
Current exosuit interfaces are typically designed with semi-rigid thermoplastics and foam padding, 
which do not conform well to the limb or remain in place relative to the skin. To compare 
interface performance, we did preliminary testing on several types of interfaces. We used a 
typical thermoplastic + foam interface, then a TPE liner instead of foam, and an interface 
comprised of layered adhesives as best-case-scenario (since the adhesive interface was 
inextensible and directly adhered to the skin, Figure). The TPE liner was ~MMx less migration than 
the typical interface at a given load, and the adhesive interface had ~NNx less migration than the 
typical interface. The TPE liner design thus seemed to be a large improvement over typical 
designs.  
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Figure: Interface materials. 
 
There are multiple candidate materials which can be used as the “sticky” layer instead of TPE. 
Multiple industries address the problem of adhering temporarily to skin (e.g., sportswear, lingerie, 
medical devices), and have produced materials conducive to integrating with skin. We tested a 
wide variety of materials for their relative friction on skin to determine which are most suitable 
for interface purposes (Figure). We applied a known mass to the shaved skin on the shank of a 
human subject, with various high friction materials of known area attached to the bottom. Each 
material was then tested for its static friction coefficient, measuring force via a load cell. We 
found that gel/silicone grip pads had the highest friction against skin, and various other compliant 
materials having somewhat lower coefficients.  
 

 
 
Figure: Friction of materials against the skin. 
 
These materials show promise for superseding the performance of TPE liners for exosuit 
interfaces. However, practically speaking prosthetic liners are already manufactured for a range of 
human limb sizes, have a conic shape, are hypoallergenic and can be easily integrated with exosuit 
devices via Hook-and-loop. Other materials show increased performance, but would have to be 
engineered to overcome these practical integration issues. 
 
The outer “stiff” layer also has multiple options available for materials. For semi-rigid materials, 
we found Kydex thermoplastic was a simple but effective option. Kydex can be easily cut and then 
heat-formed into a variety of shapes, in order to conform to the user’s limb. It also can sustain 
loads relevant to exosuits without failure, and easily accepts adhesives for attaching hook-and-
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loop. It can also be drilled for easily adding grommets, bolts or other desired mechanical features. 
The combination of Kydex and TPE liners proved a very effective combination. However, for some 
types of interfaces it is possible to obtain similar performance but better conformance to the limb. 
Hook-and-loop-lined fabric has high tensile strength and can be used instead of Kydex, since the 
primary loading is tensile for these types of exosuits. In fact, the two-dimensional stiffness of 
fabric has several advantages. The fabric can conform well to the limb, simplifying construction, 
lowering the profile and enhancing comfort due to the lack of sharp/rigid corners. For 
exosuits/exoskeletons which apply normal forces, semi-rigid interfaces likely help limit 
displacement and enhance power transfer, compared to fabric designs. Hook-and-loop straps can 
be used to provide compression, another key element in these designs. Brass grommets and nylon 
webbing can be used to attach these interfaces to tension loads. 

Insight 5: Limb Conformance 

 
Insight 5 is conforming to the limb of the user. Interfaces which fit poorly on the limb result in 
premature failure at low loads. Materials should be selected (see previous section) which have 
some level of elasticity so that the soft tissues can be encased by the interface. Tightening 
mechanisms should also have sufficient compliance to apply pressures uniformly to the limb. This 
not only maximizes the interface’s power transfer performance, but enhances user comfort. 
Prosthetic liners are designed with internal compliance that can accommodate users of various 
sizes while also providing high conformance and light pressure to the interface. Kydex can be 
custom-formed to users to provide relatively high levels of compliance, but fabrics accomplish this 
task more effectively. Iterative design should be used to explore which combinations of materials 
result in the best conformance for a given application. 
 

 
 

Figure: Limb Conformance. 
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Other Design Considerations 

Coatings vs. Liners 

 
TPE liners perform well, but from a simple friction test other materials seemed to perform better 
(see above). To this end, we explored using other materials as coatings on fabrics, combining the 
sticky and stiff layers into a low-profile interface with minimal footprint. While the coatings 
worked well regarding friction with the skin, two primary issues became apparent from initial 
testing. Getting a solid fit was difficult, since the interface was held to the skin with only 
compression instead of the elastic sock-like fit of a TPE liner. Small shifts in fit could cause this thin 
fabric interface to lose contact with the skin, followed by drastic slippage. In contrast, TPE liners 
are ~3-6 mm thick and have elasticity, so they resist losing contact with the skin. However, once a 
reasonable fit was established for the coated fabric interfaces, they performed well. Thus we 
recommend not to abandon this line of design, but note that more efforts may need to be made 
in order to optimize fit and compression. The second problem was also related to the minimal 
thickness of the interface. TPE liners provide a level of cushioning due to their thickness and 
material. Thus stresses applied to the interface were cushioned in addition to being spread across 
the liner surface, including beyond the edges of the outer stiff element. But coated interfaces 
have no cushioning and can only create friction within the boundaries of the fabric. Thus a smaller 
area of skin was loaded without any cushioning, reducing comfort for the user and potentially 
resulting in painfully high loads. 

Alternate Interfaces 

 
While friction based mechanisms have been the focus of this work, other phenomena have the 
potential to be used for high-performance interface design. One of the key weaknesses of a 
friction mechanism is that is it difficult to engage/disengage from the limb as needed, which can 
be beneficial to a user who does not want assistance at all times or wants to reduce 
pressure/increase comfort on their soft tissues when the exosuit is not in use. 
 
Electroadhesive clutches have recently shown promise for use in assistive devices [128]. These 
mechanisms utilize electrical adhesion for a low-power, easy to control clutching solution. It is 
possible that this type of mechanism could also be used to attach to soft tissues, if the electrical 
properties of the skin could be matched to materials which promote electrical adhesion. 
Alternatively, an adhesive base layer could be attached to the skin and electrical adhesion used to 
attach to this top layer. Obvious concerns as to long term soft tissue health are raised with this 
approach, which nonetheless provides an intriguing opportunity for enhancing exosuit interfaces. 
 
Another method already employed in the prosthetics industry is vacuum sealed interfaces. These 
employ a manual or electric pump to create a partial vacuum inside the socket, and a compliant 
thigh sleeve is placed over the top to seal the system. This approach may be more problematic for 
exosuit interfaces, since the system must be sealed from both sides. In addition, sealing against 
the skin surface requires careful design, including an effective wick that allow air flow along the 
skin surface but still grip the skin after the vacuum is formed. One potential approach is to avoid 
wicking the entire surface of the skin (which could reduce skin area for interface contact), and 
instead conduct a localized vacuum around multiple orifices next to the skin, using a wick on top 
of the lower layers and a single pump to create these suction points. This approach is more similar 
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to suction cups seen in biological systems [189]. 
 
Recent advances in smart fabrics/clothing have also opened the door for new possibilities for 
interfaces. Shape memory actuators can be used to created miniature actuators that can be 
controlled to loosen or tighten an interface in as desired [190]. This approach also adds the 
possibility of custom volumetric compression, by tightening specific bands of material around the 
limb to optimize compression, fit, and interface performance. 
 
Another option to attaching to soft tissues is using adhesives. Pre-tape sprays (used prior to 
athletic sprays) can enhance adhesion for various types of interfaces. Another type of interface 
that has useful properties is an adhesion tape based design (Figure). The advantage of this 
approach is that it has very low compliance, but very high adherence to the skin. This is the “best 
case” scenario for attaching external devices to the body, since it is directly adhered to skin and 
has low compliance. It can be used to measure soft tissue properties (see Chapter 3), or simply to 
quantify the fundamental limits of soft tissue relating to exosuit attachment. It can also be used to 
help determine what loads are comfortable for users when using exosuits. The multiple layers 
secure a thermoplastic sheath to the skin, so that forces can be applied from external sources. 
 

 
 
Figure: Adhesive tape design. 

Practical Concerns 

 
Soft tissue compliance and nonlinearities present very practical hurdles for physical interfaces to 
overcome, as described throughout this appendix. Soft tissues also sweat under elevated 
temperatures, which we have observed can cause interface migration and failure in our 
recommended TPE liner interface. From an experimental point of view, using antiperspirants 
(recommend ZeroSweat brand) can substantially reduce sweating and enhance interface 
performance. Using fans, reduced lab temperatures, athletic clothing and slow to moderate 
movements can also reduce sweating and improve performance. We feel that this shortcoming 
can be addressed by more focused engineering on enhancing the materials and designs used to 
connect with the body. Human body hair can also affect the reliability of these interfaces, by 
reducing surface contact with the skin. Hair should be shaved to maximize interface performance. 
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Application Examples 

 
These insights have been applied to several types of interface for exosuit devices (Figure, Figure, 
Figure). The first is a low-profile ankle exosuit [44] to assist the plantarflexors in walking. This 
design uses a TPE liner and a Kydex or fabric outer cover to provide pressure and conformance 
(Figure and Figure). Forces were applied parallel to the shank to assist ankle torque. This design 
performed for use in walking tasks, and has also been shown to be adequate for jumping or 
running tasks.  
 

 
 

Figure: Ankle Exosuit. Reproduced from Yandell et al. 2019. 
 
The second application applies the same design for a biarticular exosuit that attaches at the thigh. 
Forces have more angular variation relative to the soft tissues for this application, but the 
interface still performs well. The thigh in particular has large surface area, and can sustain large 
forces (Figure). 
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Figure: Biarticular Interface. 
 
A third exosuit uses only stiff fabric to assist the low back during lifting and leaning tasks. A 
“sticky” layer was not necessary (though helpful) since the forces were applied from distal to 
proximal on the thigh (i.e., pulling up the thigh toward the pelvis). Large surface areas were used 
to enhance comfort, and mechanisms such as ratchet adjustments or hook-and-loop were used to 
increase compression and make the interface easy to adjust and don/doff (Figure). 

 
 

Figure: Back Exosuit. 
 

Future Work 

 

Future work should focus on the development of advanced interfaces that can shed heat, be 
selectively activated, and that maximize interface stiffness with the body. Care should be taken to 
design interfaces with the thorough engineering that is invested in our actuators, controllers, and 
exosuit frames. This will help enhance the performance of exosuit devices and help bridge the 
large gap in knowledge on how to interface with the body effectively. 


