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ABSTRACT 

Shoulder disability is a prevalent health issue associated with various orthopedic 

and neurological conditions, like rotator cuff tear and peripheral nerve injury. Many 

individuals with shoulder disability experience mild to moderate impairment and struggle 

with elevating the shoulder or holding the arm against gravity. To address this clinical 

need, I have focused my research on developing wearable passive exoskeletons that 

provide continuous at-home movement assistance. Through a combination of 

experiments and computational tools, I aim to optimize the design of these exoskeletons. 

In pursuit of this goal, I have designed, fabricated, and preliminarily evaluated a 

wearable, passive, cam-driven shoulder exoskeleton prototype. Notably, the exoskeleton 

features a modular spring-cam-wheel module, allowing customizable assistive force to 

compensate for different proportions of the shoulder elevation moment due to gravity. 

The results of my research demonstrated that this exoskeleton, providing modest one-

fourth gravity moment compensation at the shoulder, can effectively reduce muscle 

activity, including deltoid and rotator cuff muscles. 

One crucial aspect of passive shoulder exoskeleton design is determining the 

optimal anti-gravity assistance level. I have addressed this challenge using 

computational tools and found that an assistance level within the range of 20-30% of the 

maximum gravity torque at the shoulder joint yields superior performance for specific 

shoulder functional tasks. 

When facing a new task dynamic, such as wearing a passive shoulder 

exoskeleton, the human neuro-musculoskeletal system adapts and modulates limb 

impedance at the end-limb (i.e., hand) to enhance task stability. I have presented 

development and validation of a realistic neuromusculoskeletal model of the upper limb 

that can predict stiffness modulation and motor adaptation in response to newly 

introduced environments and force fields. Future studies will explore the model's 

applicability in predicting stiffness modulation for 3D movements in novel environments, 

such as passive assistive devices' force fields. 
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Background 

The human shoulder is the most intricate and flexible joint featuring four bony 

joints: the sternoclavicular, glenohumeral (GH), scapulothoracic, and acromioclavicular 

joints. The normal kinematic interactions between these joints provide the shoulder with 

a wide range of mobility. Among these joints, the GH joint has the largest range of 

motion functioning as a synovial “ball and socket” joint that connects the glenoid socket 

to the humeral head. Although the glenoid socket only partially encapsulates the 

humeral head, rendering the GH joint structurally unstable, its stability is bolstered by the 

active tissues of the rotator cuff and surrounding muscles [1].  

Shoulder disability is a common health problem associated with upper extremity 

impairment and socioeconomic cost for the individuals [2-4], private industries, and 

governments [5]. The majority of the shoulder impairments are linked to rotator cuff tears 

[6], aging [7], occupational injuries [8], stroke [9], and other medical conditions [10, 11]. 

Around one-third of visits to primary care offices related to shoulder issues 

(approximately 33.2%) in the United States are connected to shoulder injuries [12]. 

These cases often require the use of diagnostic imaging methods and physiotherapy 

sessions [12]. Among the new episodes of shoulder disability in primary care, about 50% 

shows chronicity after a 12-month follow-up [14]. Shoulder injures also leads the highest 

days of work absence, 23 days, for labors in occupational settings [5].  

Shoulder impairments are associated with shoulder weakness [13], limited range 

of motion [14], and inability to perform activities of daily living [15]. Patients often present 

with large deficits in strength and range of motion in the direction of shoulder elevation, 

which involves moving or holding the arm against gravity [16]. These gravity-related 

functional deficits occur for two reasons. First, gravity is the dominant contributor to 

shoulder loading during many activities of daily living [17]; this is not surprising since the 

shoulder is the most proximal joint of the upper extremity and, thus, must support the 

upper extremity’s entire weight and any object held in the hand. Second, shoulder 

disabilities mostly involve tears and strain for those muscles who have major 

contributors to the shoulder elevation [18]. Such functional deficit diminishes people’s 

quality of life by depriving them of their ability to perform their activities of daily living 

(ADL).  
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Motivation 

Given that gravity is a major contributor to functional deficits and shoulder loads, 

there is a need for new interventions that can provide patients with portable, continuous, 

at-home gravity compensation at the shoulder. Pursuant to the need for such 

interventions, engineers have developed assistive wearable devices such as 

exoskeletons to augment the strength and enhance the motor function of the shoulder 

[19-24]. Exoskeletons are mainly external mechanical structures that generate forces 

either actively (e.g., using electric motors) [20, 25] or passively (e.g., using elastic 

springs) [26-28].  Passive shoulder exoskeletons are attractive because they are 

potentially more cost effective, lightweight, comfortable, and reliable than active, 

motorized exoskeletons. Continuous, portable gravity compensation would beneficially 

reduce the forces that muscles crossing the shoulder need to exert during movement, 

which could (1) improve movement efficiency and reduce fatigue, (2) enhance effective 

strength and range of motion, and (3) reduce musculotendon tissue loads and the 

associated risk of tissue injury or re-injury. Portable exoskeletons have strong potential 

to reduce healthcare costs when used for home-based rehabilitation, which is more 

convenient and cost-effective than in-clinic rehabilitation [29]. Portable exoskeletons 

could potentially provide more effective rehabilitation since the exoskeleton “therapy” 

can be applied more frequently and for longer duration. When used long-term for people 

with chronic disability, portable exoskeletons can help people maintain a higher level of 

independence for a longer period of time, reducing costs associated with a loss of 

independence. By enhancing functional ability, portable exoskeletons could help people 

achieve a more active lifestyle and overcome lifestyle-related disorders such as obesity, 

diabetes, and heart disease.  

Commercially available passive exoskeletons and devices fall short in providing 

continuous, at-home assistance for people with shoulder disability. Passive clinical 

devices, like SaeboMAS [30, 31], Wilmington Robotic Exoskeleton (WREX) [32], and T-

WREX [27, 33], employ counterweights or spring mechanisms to counteract gravity and 

support arm movement for individuals with severe neurological shoulder disability. 

However, limitations such as fixed gravity compensation levels and the need for rigid 

mounting make them unsuitable for patients with greater mobility and mild to moderate 

shoulder disability. Furthermore, additional wearable passive shoulder exoskeletons in 
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the market, such as (Ekso Bionics Holdings, Inc., Richmond, CA) and SuitX (US Bionics, 

Inc., Emeryville, CA), have been primarily designed for industrial use and heavy tasks. 

Thus, their applicability to daily living assistance for individuals with shoulder disabilities 

is limited as they are mainly specialized for static, quasi-static overhead tasks [34, 35]. 

For successful benchmarking and clinical translation of wearable passive 

shoulder exoskeletons, it is critical to perform comprehensive, detailed biomechanical 

evaluation that is specific to the abilities and typical tasks of the intended users. 

Exoskeletons that are not design-optimized or evaluated specifically for clinical 

populations could exacerbate musculoskeletal impairment and further degrade functional 

ability. Previous studies have primarily investigated biomechanics of gravity-

compensating portable passive shoulder exoskeletons in the context of occupational 

settings for which they were designed [36-40]. While these studies have transformative 

implications for clinical contexts, it is crucial to further examine the impact of 

exoskeletons on neuromuscular biomechanics. This entails more comprehensive 

understanding of muscular responses, joint kinematics, as well as upper limb stability 

and stiffness. 

Research objectives and approach 

Our long-term goal is to develop wearable passive exoskeletons for continuous 

at-home movement assistance to improve the motor function of people with shoulder 

impairment. To inform the design of wearable passive shoulder exoskeletons, the 

overall objectives of this project are to 1) propose a novel wearable passive (i.e., 

spring powered) cam-based shoulder exoskeleton that can provide continuous at-home 

movement assistance and rehabilitation for people with shoulder disability; 2) analyze 

the effects of exoskeleton-applied forces on upper extremity biomechanics. Our 

approach will involve designing and fabricating prototypes of the proposed shoulder 

exoskeleton and performing human subject testing. Additionally, we will use 

computational tools and approaches to simulate movements for different exoskeleton 

assistance conditions. We will pursue the following specific aims: 

Research Aim 1.1: Design and fabricate a wearable passive (i.e., spring 

powered) cam-based shoulder exoskeleton (WPCSE) that is low-profile, lightweight, 

portable, and, thus, ideal for providing continuous, at-home assistance to patients with 
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mild-to-moderate shoulder disability. The WPCSE is equipped with a soft, cable-driven 

mechanism wrapping around a cam-wheel gearing component to generate a bionic 

torque at the shoulder joint to counteract gravity.  

Research Aim 1.2: Perform a pilot biomechanics study to preliminarily test the 

concept that the WPCSE could reduce the activity of muscles crossing the shoulder 

during select shoulder movements; secondarily, we will evaluate the effect of WPCSE on 

shoulder kinematics. The results will indicate the potential of the proposed WPCSE to 

assist shoulder movements. 

Research Aim 2: Perform a simulation-based study to identify the optimal gravity 

compensation level for select functional shoulder movements based on shoulder muscle 

activity and joint stability. We expect that the findings of this aim will help us to find an 

optimal level of assistance for upper limb exoskeletons that best reduces the muscular 

effort across a wide range of shoulder movements without degrading shoulder joint and 

end-limb stability. 

Research Aim 3: Develop a realistic neuromusculoskeletal model of force-

impedance modulation for upper extremity movements that can help predict the end-limb 

stiffness modulation and motor adaptation to newly introduced force fields, such as a 

passive force from a wearable device. The proposed model will be used for investigating 

upper extremity movements in 3-dimensional space but will be validated in 2-

dimensional space against previously published experimental results.  

Chapter Summary 

Chapter 2 of my work focuses on the creation of a novel wearable, passive, cam-

based shoulder exoskeleton (WPCSE) designed to provide continuous assistance to 

patients with mild to moderate shoulder disability. The chapter comprises two sections, 

each discussing a different design iteration of the WPCSE. Section 2-1 covers the 

development process and qualitative assessment of the initial prototype. In section 2-2, I 

discuss the creation of a theoretical model and the design of a second prototype, along 

with the results of a benchtop experiment that validates the mechanical output of the 

WPCSE against the theoretical model. Additionally, I present the findings of a pilot 

biomechanics study, involving eight able-bodied subjects, which quantifies the 
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exoskeleton's impact on muscle activity and shoulder kinematics during three shoulder 

movements. 

In chapter 3, I focus on a simulation-based investigation to determine the optimal range 

of anti-gravity assistance for passive shoulder exoskeletons. The study utilized a task 

space framework for biomechanical simulations of various arm movements in OpenSim 

(Stanford, CA, USA), which mimicked functional tasks. These movements included 

shoulder elevation and lowering in frontal and scapular planes, as well as forward and 

lateral reaching. The chapter concludes by examining how different levels of anti-gravity 

assistance influence muscular response efficiency and joint and end-limb stability during 

the simulated upper extremity movements. 

Chapter 4 presents the development of a realistic neuromusculoskeletal model 

for force-impedance modulation during upper limb movements. The chapter consists of 

two sections. In section 4-1, a computational approach is introduced, utilizing an upper 

limb neuromusculoskeletal-manipulandum model with realistic musculoskeletal geometry 

to estimate upper limb impedance parameters during posture maintenance. The 

computational impedance results are validated against published experimental data. In 

section 4-2, a model is proposed to predict dynamic stiffness modulation and motor 

adaptation to newly introduced environments and force fields, such as a passive 

shoulder wearable device. The theory of the model involves using the task space 

framework with a multi-priority control scheme to plan and execute muscle-driven, goal-

oriented hand movements. The model is validated by comparing estimates of end-limb 

stiffness and modulation with experimental data for horizontal reaching movements 

under various force fields, including velocity-dependent and divergent force fields. 

Finally, in chapter 8 I discuss the significance and contribution of this research as 

well as the future works.   
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CHAPTER 2 : DESIGN AND PROTOTYPING OF A WEARABLE 

PASSIVE CAM-BASED SHOULDER EXOSKELETON 
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Section 2-1: Wearable Shoulder Exoskeleton with Spring-Cam Mechanism 

for Customizable, Nonlinear Gravity Compensation 

Abstract 

Wearable, mechanically passive (i.e., spring-powered) exoskeletons may be 

more practical and affordable than active, motorized exoskeletons for providing 

continuous, home-based, antigravity movement assistance for people with shoulder 

disability. However, the biomechanical moment due to gravity is a nonlinear function of 

shoulder elevation angle and, thus, challenging to counteract proportionally across the 

shoulder elevation range of motion with a spring alone. We designed, fabricated, and 

tested an integrated spring-cam-wheel system that can generate a nonlinear moment to 

proportionally compensate for the expected antigravity moment at the shoulder. We then 

incorporated the proposed system in a benchtop model and a novel wearable passive 

cable-driven exoskeleton that was intended to counteract half of the gravitational 

moment during shoulder elevation movements. The rotational moment measured from 

the benchtop model closely matched the theoretical moment during simulated positive 

shoulder elevation. However, a larger moment (up to 12.5% larger) was required during 

https://ieeexplore.ieee.org/abstract/document/9175633?casa_token=lGDRIeHnKt0AAAAA:5_bLmTGb5HTlAsC3-Fo-hIy7qMAqvQFnocnVSPr6Gh7tth_jsDSl1U8kYymrStvUvBijnvIK
https://doi.org/10.1115/1.4054639
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simulated negative shoulder elevation to stretch the spring to its initial length due to 

spring hysteresis and friction losses. The wearable exoskeleton prototype was 

qualitatively tested for assisting shoulder elevation movements; we identified several 

aspects of the prototype design that need to be improved before further testing on 

human participants.  In future studies, we will quantitatively evaluate human kinematics 

and neuromuscular coordination with the exoskeleton to determine its suitability for 

assisting patients with shoulder disability. 

Introduction 

Movement disability involving the shoulder is associated with several chronic 

health conditions, such as rotator cuff tears [41], peripheral nerve injury [10], and stroke 

[42]. Though patients may retain some shoulder strength and function, they are 

substantially diminished from that of the healthy shoulder [10]. Shoulder impairment may 

make it more difficult for patients to perform activities of daily living. For some conditions 

involving soft tissue injury, such as rotator cuff tear, biomechanical loads during tasks 

may lead to high re-injury rates. Devices that can provide continuous mechanical 

assistance to the shoulder are needed to help augment movement ability and decrease 

biomechanical loads in soft tissues in patients with shoulder disability.  

Exoskeletons could meet the need for movement assistance to replace, assist, or 

rehabilitate function [25]. Exoskeletons are devices worn on and apply forces to the body 

using either active or passive systems. Active exoskeletons incorporate motorized 

actuators and are often intended for cases of severe impairment that require substantial 

movement assistance or neuro-rehabilitation [43]. However, due to their size, weight, 

cost, need for maintenance, and operation requirements, such active exoskeletons are 

usually constrained to clinics and labs, preventing continuous at-home assistance.  

Compared to active exoskeletons, mechanically passive exoskeletons may be 

more suitable for home-based movement assistance. Passive exoskeletons incorporate 

elastic springs that store and return energy to supplement the users’ muscles. Since 

passive exoskeletons do not have electromechanical hardware, they are potentially 

more affordable, lightweight, reliable, and compact. Current passive exoskeletons for the 

upper extremity mainly compensate for the weight of the upper extremity but do not 

generate movement on their own, making them potentially suitable for patients with mild 
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to moderate disability. With weight compensation, patients could perform activities of 

daily living with less effort. Current passive assistive devices for the upper extremity and 

clinical applications include Armon [44], WREX [32], and Freebal [45].  

The main drawback of passive exoskeletons is in generating complex force 

profiles. The shoulder elevation rotational moment due to gravity is a nonlinear function 

of the shoulder elevation angle (i.e., the angle between the arm and trunk). Thus, 

exoskeletons need to generate a similar nonlinear shoulder elevation moment to 

compensate for a constant proportion of the moment due to gravity. Furthermore, to 

support activities of daily living, exoskeletons should compensate for gravity over a wide 

range of shoulder elevation angles. Current gravity-compensating passive exoskeletons 

use mechanisms such as counterweights, springs [44], cam linkages, and rubber bands 

[32]. These mechanisms may balance the arm weight only for a relatively small range of 

shoulder elevation angles. Thus, to generate more complex, non-linear force profiles, 

engineers have used zero-free-length springs [46], compliant mechanisms [47], or a 

series of wrapping cams [48]. Among these methods, zero-free-length springs are 

expensive to fabricate, and the latter two require auxiliary rigid linkages to attach to the 

body, making them less wearable and portable.  

The goal of this study was to design, fabricate, and experimentally evaluate a 

prototype of a wearable passive shoulder exoskeleton that could provide continuous, 

anti-gravity assistance to patients with shoulder disability. We first introduced an 

integrated spring-cam wheel mechanism that can provide gradually increasing, nonlinear 

mechanical assistance to compensate for the nonlinear shoulder elevation moment due 

to gravity. We validated the mathematical model of the spring-cam wheel mechanism 

using a benchtop prototype. Finally, we fabricated an exoskeleton prototype that 

incorporated the spring-cam wheel mechanism and qualitatively tested it on a human 

participant.  

Mechanical Design  

Design Concept 

The proposed mechanically passive exoskeleton incorporates a preloaded elastic 

spring (Figure 2-1). The spring force is transmitted by a cable that crosses the superior 

aspect of the shoulder, generating a positive shoulder elevation moment to counteract  
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Figure 2-1. Diagram of shoulder exoskeleton concept (posterior view on right shoulder) 
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the negative shoulder elevation moment due to gravity. As the arm is elevated, the 

spring shortens, decreasing the spring tension force. However, the shoulder elevation 

moment due to gravity nonlinearly increases as the shoulder is elevated away from the 

body. To provide increasing assistance despite decreasing spring tension, we 

incorporated a cam wheel with a cable wrapped around the profile. The cam wheel acts 

as a variable gearing mechanism that outputs the desired increasing positive shoulder 

elevation moment with increasing shoulder elevation angle. The spring cable is attached 

to the variable radius cam, while the cable that outputs the force on the shoulder is 

attached to a constant-radius wheel that is concentric with and fixed to the cam. Since 

they are fixed to one another, the wheels share the same rotation angle () which is 

proportional to the shoulder elevation angle () based on the ratio between the moment 

arms of the single radius wheel (𝑟𝑤) and shoulder (𝑟𝑠) as defined by: 

𝛼 =
𝑟𝑠
𝑟𝑤

𝜃 (1) 

The shoulder elevation moment due to gravity (𝑀𝐺) was calculated at static 

shoulder elevation angles ranging from 0 to 90o in the frontal plane with the elbow and 

hand extended: 

𝑀𝐺 = (𝑚𝑎𝑑𝑎𝑔 + 𝑚𝑓𝑑𝑓𝑔 + 𝑚ℎ𝑑ℎ𝑔)sin⁡(𝜃) (2) 

where subscripts 𝑎,⁡𝑓, and ℎ represent the upper arm, forearm, and hand, respectively, 

𝑚, 𝑑, and 𝑔 represent mass, distance between the shoulder joint and the mass center, 

and acceleration due to gravity, respectively. We used limb anthropomorphic values of a 

50th percentile adult male [49], though these could be changed to match the exoskeleton 

assistance to the subject’s anthropometry. We computed the moment with the elbow 

extended 𝑀𝐺 as: 

𝑀𝐺(𝜃⁡⁡) = ⁡10.378⁡ sin(𝜃)   (Nm) (3) 

Exoskeleton Mathematical Modeling and Optimization 

We performed a constrained global numerical optimization to compute exoskeleton 

design parameters such that the exoskeleton’s shoulder elevation moment (𝑇𝐸) would 

compensate for half of 𝑀𝐺 calculated in (3). This assistance level was chosen to avoid 
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over-assisting when elbow and hand are not fully extended, though the exoskeleton 

could be tuned to compensate for any proportion of 𝑀𝐺. The first step in optimizing the 

design parameters was to identify the parameters on which 𝑇𝐸 depends, assuming that 

the human-exoskeleton system is in static equilibrium: 

𝑇𝐸 =
𝑟𝑠
𝑟𝑤

ℎ(𝛼)𝐹𝑠(𝛼)⁡ (4) 

In (4), ℎ(𝛼) is the moment arm of the variable-radius cam and 𝐹𝑠(𝛼) is the force 

profile of the spring. Here we set 𝐹𝑠(𝛼) = 45𝑁, which is the force generated by a 

commercially available constant-force spring that we estimated was sufficient for the 

physical exoskeleton prototype (SR48, KERN-LIEBERS Ltd. -Spiroflex). The moment 

arm of the shoulder 𝑟𝑠 was estimated to be 6cm from a musculoskeletal model [50]. To 

optimize the parameters, we wrote a MATLAB script to execute a global optimization 

function (GlobalSearch) that minimized the residual sum of the squared error as the cost 

function (5): 

Cost⁡Function⁡ = ||𝑇𝐸 − 0.5𝑀𝐺||⁡2 (5) 

To determine the form of function ℎ(𝛼) (which affects the shape of the cam 

wheel) that minimized the optimization cost function, we ran the optimization routine for 

each of five standard functions: linear, quadratic, third order polynomial, power, and 

sinusoidal. All five of these were tested in the optimization script with parameters based 

on the functional coefficients, like A, B, and C in (6). The global optimization showed that 

a sinusoidal function permitted the best fit between 𝑇𝐸 and 𝑀𝐺 (Table 2-1). The sinusoid 

function used in the final optimization was defined as: 

ℎ(𝛼) = 𝐴 sin(𝐵𝛼) + 𝐶 (6) 

The output parameters used to calculate 𝑇𝐸 are displayed in Table 2-2. Optimized 

Design parameters. Using the 𝑇𝐸 output parameters, ℎ(𝛼) and 𝑟𝑤, the cam profile (Figure 

2-2) was determined by performing a numerical integration based on the relationship 

between ℎ(𝛼), , and the cable deflection 𝑑𝑥 = ⁡ℎ(𝛼)𝑑𝛼.  
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 Table 2-1. Cost function values for  ℎ(𝛼) 

Function 

Type 
Linear Quad Poly Power Sine Linear 

Cost 

Function 
19.646 0.394 0.566 5.367 0.000 19.646 
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Benchtop Setup 

Based on the design parameters defined in the previous section, we developed a 

benchtop (aluminum board 45cm×60cm) prototype using off-the-shelf components to 

perform mechanical validation of our theoretical model (Figure 2-2). The benchtop 

prototype included the selected constant-force spring with an output force of 45 N. Three 

hundred points representing the cam profile (Figure 2-2, right panel) were imported into 

the Solidworks software to develop a computer-aided design model of the cam wheel 

(Figure 2-2, left panel), which was 3D printed ABS plastic. The constant-radius wheel 

was connected by a cable to a v-belt pulley (representing the shoulder) with a 

customized handhold that allowed us to manually rotate the pulley to simulate shoulder 

elevation movements. The radius of the pulley was 8cm, which is larger than the 

estimated moment arm of the shoulder in our model (Table 2-2) but sufficient for 

mechanical validation. The cam wheel was connected to the constant-force spring with a 

non-stretching nylon rope. Both the cam wheel and pulley were installed on the 

benchtop board with flange bearings. A micro S-type load cell (ATO-LC-S04, 50kg 

capacity, ATO, Diamond Bar, CA, USA) and an optical rotary encoder (LPD-3806-

600bm-G5-24c, GTEACH, China) were used to measure the cable tension force and 

rotation angle of the pulley, respectively (Figure 2-3). A custom C++ script was written in 

Arduino software (version 1.8.5) to compute the shoulder elevation moment from the 

measured force and pulley angle. 

Benchtop Experiment 

The benchtop prototype was used to quantify the moment generated by the spring-cam-

wheel mechanism about the v-belt pulley axis (representing the glenohumeral joint) as a 

function of the shoulder elevation angle. Since the pulley radius (8cm) was larger than 

the estimated cable moment arm about the shoulder (𝑟𝑠=6cm,Table 2-2), a pulley 

rotation of 67.5° corresponded to a shoulder elevation angle of 90°. Therefore, during 

the test, we manually rotated the pulley from 0° to 67.5°, then back to 0°. The pulley was 

rotated slowly while pausing briefly at 18 equidistant points (67.5°/18 = 3.75°) that were 

marked on the benchtop board. The movement between angle increments points was 

regulated using a metronome. 
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Figure 2-2. Developed profile (left) and CAD model (right) of the cam wheel optimized to 

compensate for half of the gravity moment. 
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Table 2-2. Optimized Design parameters 

𝒓𝒔 (cm) 𝒓𝒘 (cm) A B C 

6.000 0.030 0.058 0.499 0.0000 
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Figure 2-3. Benchtop prototype for mechanical evaluation of the spring-cam-wheel mechanism. 
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Exoskeleton Prototype 

An initial prototype of the wearable passive shoulder exoskeleton was developed 

using similar components from the benchtop. The spring and cam wheel were installed 

on a thermoplastic back brace (Figure 2-4). The cam wheel was bolted on top of the 

back brace through a pressed-in ball bearing at its center. The wheel was attached to an 

arm cuff via a Bowden cable to facilitate the force transmission from the cam wheel to 

the arm. Two plastic pillow block spherical bearings were used to guide the Bowden 

cable across the shoulder to attach the upper arm cuff.  Strap bands were used to wrap 

the arm cuff, back brace, and shoulder brace around the torso and arm. The exoskeleton 

prototype weighs 1.75 kg and the cost of materials was less than $100.   

Qualitative Assessment of Exoskeleton Prototype 

The exoskeleton was adjusted for testing on an able-bodied male (Figure 2-4, 

age=31, height=176cm, weight=79kg) whose anthropometry approximated that of a 50th 

percentile male. The participant performed repetitive shoulder elevation movements in 

the sagittal, scapular, and frontal anatomical planes. The user was instructed to perform 

the movements at his preferred speed and to provide verbal subjective feedback of the 

effectiveness, ease of use, discomfort, and compatibility of the device. 

Results and Discussion 

Figure 2-5 shows the experimental moment measured from the benchtop 

prototype and the theoretical moment. The experimental and theoretical moments match 

reasonably well, especially during simulated positive shoulder elevation from 0° to 90°. 

However, a larger moment (7.1% to 12.5% larger than theoretical) was generated during 

simulated negative shoulder elevation from 90° to 0° to stretch the spring back to its 

initial pre-loaded length. We suspect that the difference in measured moment between 

spring stretching and shortening is partly due to hysteresis, inherent to elastic springs, 

when energy is lost (as heat) during cyclic loading and unloading. The difference may 

also be due to friction at bearings and between the cables and components they wrap 

around. The leftward shift in the peak of the moment curve during simulated negative 

shoulder elevation was possible due to elasticity in the spring-cam-wheel mechanism 

and the higher load needed to overcome friction and stretch the spring. 
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Figure 2-4. Exoskeleton prototype with the constant-force spring and optimized cam 

wheel to compensate for half of the shoulder elevation moment due to gravity.  
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Figure 2-5. The benchtop moment generated by the spring-cam-wheel and the theoretical 

elevation moment vs. shoulder elevation angle. The arrows show the positive (spring shortening) 

and negative shoulder elevation. 
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During qualitative assessment of the exoskeleton, the user noted that the 

exoskeleton helped during positive shoulder elevation in different planes. One problem 

was that there was not enough padding between the user and exoskeleton, which 

caused discomfort. Another was that, even with the elbow extended, the weight of the 

upper extremity was not sufficient to return the arm to the side; the user needed to make 

extra effort to lower the arm. There were several factors that likely contributed to the 

need for extra effort. First, when lowering the arm, the shoulder brace and arm cuff were 

displaced relative to the body, resulting in inefficient force transfer from the arm to the 

spring-cam-wheel. The displacement also interfered with the relationship between the 

rotations of the cam wheel and shoulder, which effectively shifts the moment curve 

leftward and increases the exoskeleton moment across shoulder elevation angles. As 

observed with our benchtop model, the exoskeleton moment was higher when stretching 

the spring (i.e. hysteresis loop) during negative shoulder elevation movements. Finally, 

though the participant approximated a 50th percentile male, we may have overestimated 

the shoulder moment due to gravity and, thus, the exoskeleton moment needed to 

compensate for half of it.  

Future Work & Conclusion 

Understanding how wearable passive exoskeletons interact with their users is 

extremely important, especially if the devices will be worn by patients with shoulder 

disability or injury. As a first step toward understanding the human-exoskeleton 

interaction, in this study, we qualitatively evaluated the effectiveness and comfort of our 

wearable exoskeleton prototype. A quantitative evaluation was useful for quickly 

identifying some major design issues. However, in our future work, we will also quantify 

users’ biomechanics (e.g., muscles activations, limb kinematics, and joint loads) with the 

exoskeleton to determine the extent to which it can provide clinically useful and safe 

movement assistance.  

The problems we identified with our current exoskeleton prototype need to be 

addressed in future prototype iterations before it can be tested on more human 

participants. To prevent displacement of the shoulder brace, we will rigidly attach it to the 

back brace. Likewise, we will use larger elastic straps to attach the arm cuff to prevent 

displacement. We will add padding on all components that attach to the user to improve 

comfort.  
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In conclusion, our preliminary results demonstrated the promise of the spring-

cam-wheel mechanism to provide nonlinear, customizable mechanical assistance to the 

shoulder. The exoskeleton is compact, lightweight, inexpensive, and easy to 

manufacture, which makes it appropriate for applications where portable and/or 

continuous shoulder movement assistance is needed. However, the current prototype 

design is user specific; ultimately, exoskeleton should be designed for a range of user 

anthropometry. Design refinements and future studies of exoskeleton performance and 

user biomechanics are needed to advance wearable passive shoulder exoskeletons 

toward clinical and other real-world applications. 

Section 2-2: Design and Preliminary Evaluation of a Wearable Passive Cam-Based 

Shoulder Exoskeleton 

Abstract 

Mechanically passive exoskeletons may be a practical and affordable solution to 

meet a growing clinical need for continuous, home-based movement assistance. We 

designed, fabricated, and preliminarily evaluated the performance of a wearable, 

passive, cam-driven shoulder exoskeleton (WPCSE) prototype. The novel feature of the 

WPCSE is a modular spring-cam-wheel module, which generates an assistive force that 

can be customized to compensate for any proportion of the shoulder elevation moment 

due to gravity. We performed a benchtop experiment to validate the mechanical output 

of the WPCSE against our theoretical model. We also conducted a pilot biomechanics 

study (eight able-bodied subjects) to quantify the effect of a WPCSE prototype on 

muscle activity and shoulder kinematics during three shoulder movements. The shoulder 

elevation moment produced by the spring-cam-wheel module alone closely matched the 

desired, theoretical moment. However, when measured from the full WPCSE prototype, 

the moment was lower (up to 30%) during positive shoulder elevation and higher (up to 

120%) during negative shoulder elevation compared to the theoretical moment, due 

primarily to friction. Even so, a WPCSE prototype, compensating for about 25% of the 

shoulder elevation moment due to gravity, showed a trend of reducing root mean square 

electromyogram magnitudes of several muscles crossing the shoulder during shoulder 

elevation and horizontal adduction/abduction movements. Our results also showed that 

the WPCSE did not constrain or impede shoulder movements during the tested 
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movements. The results provide proof-of-concept evidence that our WPCSE can 

potentially assist shoulder movements against gravity. 

Introduction 

Shoulder disability is a global health burden [2, 51] associated with several 

common orthopedic and neurological disorders, such as rotator cuff tear [41], peripheral 

nerve injury [10], muscle atrophy [11], and stroke [9]. Many people with shoulder 

disability have mild to moderate disability, meaning that they can still move their 

shoulder but with lower strength and range of motion than that of a healthy shoulder. 

Furthermore, people with shoulder disability often have trouble elevating the shoulder or 

holding the arm up against gravity [14, 16, 52]. Such functional deficits can make it hard 

for individuals to perform activities of daily living, particularly those for which gravity is a 

dominant external contributor to shoulder loading [17]. Consequently, shoulder disability 

can degrade a person’s quality of life, self-esteem, and independence.  

For people with shoulder disability, there is a clinical need for medical devices 

that can provide continuous, home-based movement assistance to compensate for 

gravity at the shoulder. Gravity compensation can assist upper extremity motor function 

by reducing the joint moments that muscles need to generate for a given movement [52]. 

We previously showed that anti-gravity assistance reduces activations of muscles that 

mainly contribute to positive shoulder elevation [53]. By reducing muscle activations, 

gravity compensation at the shoulder could help people perform upper extremity tasks 

with less effort and reduce muscle tissue loads. Additionally, for people with shoulder 

disability, gravity compensation could enhance range of motion and shoulder strength by 

encouraging them to be more physically active.  

A wide variety of assistive and rehabilitative exoskeletons (sometimes called 

orthoses) have been developed for people with disabilities. Exoskeletons, which are 

typically worn on and transmit forces to the body [20], generate forces either actively or 

passively. Active exoskeletons, such as ARMin III [23] and MGA [43] use powered 

actuators, usually located near the joints, to generate forces that are transmitted to the 

body by rigid links. The high weight and rotational inertia reduce the transparency and 

power density of these exoskeletons. Some powered exoskeletons incorporate cable-

driven mechanisms, which increases the power-to-weight ratio by allowing actuators to 
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be mounted farther away from the user’s joints. Cable-driven exoskeletons can have 

either serial or parallel design architecture. Serial cable-driven exoskeletons such as 

CADEN-7 [20], L-EXOS [54], and IntelliArm [55] still use rigid links with revolute joints 

but have lower weight and rotational inertia compared to conventional exoskeletons. 

Conversely, parallel cable-driven systems such as CAREX [56] and CARR-4 [57] use 

flexible cables with rigid joint cuffs to actuate the exoskeleton, which highly reduces the 

overall weight and moment of inertia of the moving parts. Active exoskeletons can 

provide more flexible assistance since the forces they generate can be modulated by 

control software. However, they are relatively heavy, large, expensive, and complex 

because they require motors, power sources (e.g., batteries), and computer hardware. 

These features make active exoskeletons less wearable and portable, limiting their 

application to clinical and laboratory settings.  

Passive exoskeletons generate assistive forces using counterweights (such as 

the Mobility Arm, Nitzbon), rubber bands [32], or springs [26]. The assistive forces 

generated by passive exoskeletons are fixed according to their mechanical design and 

cannot be modulated in real time, as with active exoskeletons. However, passive 

exoskeletons are appealing for providing continuous, home-based movement assistance 

since they do not require electromechanical hardware (e.g., motors, batteries). Thus, 

passive exoskeletons are potentially more lightweight, cost-effective, low-maintenance, 

wearable, and portable than active exoskeletons. 

Existing wearable passive shoulder exoskeletons compensate for gravity by 

releasing and storing energy from elastic springs as the shoulder is elevated and 

lowered, respectively [33]. Commercially available wearable passive shoulder 

exoskeletons, intended primarily for occupational or industrial settings, include EksoVest 

(Ekso Bionics Holdings, Inc., Richmond, CA), SuitX (US Bionics, Inc., Emeryville, CA), 

and AirFrame (Levitate technologies, Inc., San Diego, CA).However, these existing 

exoskeletons may not be ideal for assisting activities of daily living for people with 

shoulder disability because they are designed for application-specific and high-load 

tasks (e.g., overhead drilling and heavy lifting) [34, 35]. They also typically have a high 

profile (i.e., they extend out far from the user’s body) because they incorporate rigid 

linkages and mechanical joints.  
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There are several passive devices that have been developed and 

commercialized for clinical applications. Early devices include passive mobile arm 

supports, such as SaeboMAS, that mount on a wheelchair, wall, or table [30, 31] and 

compensate for gravity using counterweights [58] or parallelograms that are equipped 

with spring-cam [26] or spring mechanisms. The Wilmington Robotic Exoskeleton 

(WREX) [32], is another wheelchair-mounted arm support that uses elastic bands to 

compensate for decoupled gravity at the shoulder and elbow joints. T-WREX, a more 

recent version of the WREX [27, 33], was equipped with position and grip sensors that 

permit movement therapy through virtual interfaces (e.g., computer games). These 

passive devices can completely balance the arm and are mostly intended for patients 

who have severe neurological shoulder disability. However, their level of gravity 

compensation is usually unmodulated over the shoulder’s range of motion, and they 

must be mounted on rigid frames or fixed bases. These features make such devices an 

inappropriate solution for patients with greater mobility and only mild to moderate 

shoulder disability.    

We propose a new wearable, passive, cam-based shoulder exoskeleton 

(WPCSE) that addresses limitations of existing devices for providing continuous, at-

home assistance to patients with mild to moderate shoulder disability. The main, novel 

contribution of the WPCSE is a spring-cam-wheel module whose assistive force can be 

customized for each patient to compensate for any proportion of the shoulder elevation 

moment due to gravity. Additionally, the assistive force is transmitted to the arm through 

a Bowden cable that passes through self-aligning spherical bearings, which allows the 

WPCSE to assist movements across a wide range of shoulder elevation planes. Since 

the spring-cam-wheel module is compact and lightweight, the WPCSE could potentially 

be worn on the body comfortably throughout the day under clothing. The overall 

objective of our study was to design, fabricate, and preliminarily evaluate a WPCSE 

prototype that includes the novel spring-cam-wheel mechanism. We first developed a 

theoretical model and prototype design of the WPCSE. We then fabricated a physical 

benchtop model to quantify the mechanical performance of the spring-cam-wheel 

module and WPCSE. We expected that friction and spring hysteresis, which were 

unaccounted for in our theoretical model, would reduce the assistive moment generated 

by the physical benchtop model compared to the theoretical model. Finally, we 
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performed a pilot biomechanics study to test the concept that the WPCSE could reduce 

the activity of muscles crossing the shoulder; secondarily, we evaluated the effect of the 

WPCSE on shoulder kinematics.  

Methods 

Design of the WPCSE 

System Concept  

Our WPCSE compensates for gravity at the shoulder using an elastic spring 

whose force is transmitted to the arm through a Bowden cable that passes over the 

superior aspect of the shoulder. A common example of a gravity compensation system is 

the use of counterweights to balance the weight and reduce the force required to raise 

and lower an elevator car. Instead of counterweights, our exoskeleton uses a spring that 

is stretched when the arm is beside the body and pulls on the Bowden cable as the arm 

elevates. 

As the shoulder elevation angle increases from 0° to 90°, the magnitude of the 

negative shoulder elevation moment due to gravity increases. We designed our 

exoskeleton to provide increasing assistance in proportion to the increasing gravity 

moment. This was accomplished by incorporating a cam-wheel component between the 

spring and arm (Figure 2-6). The variable-radius cam and a constant-radius wheel are 

fixed to each other so that they rotate together about the same axis. As shoulder 

elevation angle increases, the moment arm of the of a wrapping rope (connects the 

spring and cam) with respect to the cam-wheel increases while the moment arm 

between a Bowden cable (crossing the shoulder) and constant-radius wheel stays the 

same. Thus, the cam-wheel functions as a gearing mechanism that modulates the 

Bowden cable’s pulling force according to the moment arm ratio between the cam and 

wheel. The Bowden cable was clamped at the superior aspect of the shoulder using a 

self-aligning spherical bearing. The bearing allowed the Bowden cable to pivot and align 

with the arm across a large range of elevation plane angles. All components were 

mounted on a custom back brace, while the Bowden cable was attached to an arm cuff. 
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Figure 2-6. Schematic diagram of shoulder exoskeleton system concept (posterior view on right 

arm). Upper left and right figures represent two extreme configurations for shoulder elevation in 

the frontal plane. As the shoulder elevates from the 0° (upper left figure) to 90° (upper right 

figure), the cam-wheel rotates and adjust its effective moment arm relative to the wrapping rope 

to modulate the Bowden cable pulling force. 
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The proposed exoskeleton improves on previous wearable passive shoulder 

exoskeleton designs in several ways. First, it provides mechanical assistance through a 

soft, cable-driven mechanism instead of rigid links, which (1) enables us to place force-

generating components (i.e., the cam-wheel and spring) away from the shoulder joint, 

(2) permits shoulder rotations to occur freely about biological axes of rotation without 

conflicting with axes of rigid linkages, and (3) reduces the exoskeleton’s weight. Second, 

the geometry of the cam-wheel gearing component can be customized to “tune” the 

gravity-compensating force to support a wide range of tasks and users. Finally, with our 

compact spring-cam-wheel module design, the exoskeleton can maintain a low profile. 

Calculation of Shoulder Elevation Moment due to Gravity 

The magnitude of the gravity moment about the shoulder depends on the upper 

extremity posture, while the orientation of the gravity moment depends on the orientation 

of the torso with respect to gravity. In our design calculations, we assumed that the torso 

is upright and aligned with the gravity vector. In this case, gravity will primarily generate 

a moment in the direction of negative shoulder elevation and, thus, can be calculated 

with a planar model of the arm. The shoulder gravitational moment was calculated as: 

𝜏𝐺(𝛼⁡, 𝛽⁡) = ⁡𝑊1𝑙1 sin(𝛼) + 𝑊2(L sin(𝛼) + 𝑙2 sin(𝛼 + 𝛽)) (1) 

where 𝑊1 is the weight of the arm; 𝑊2 is the sum of the forearm and hand weight; 𝑙1 is 

the distance from the glenohumeral joint center to the arm’s center of gravity; 𝑙2 is the 

distance from the elbow joint center to the center of gravity of the combined forearm-

hand segment; L is the length of the arm segment; and 𝛼 and 𝛽 are the shoulder 

elevation and elbow flexion angles, respectively (Figure 2-6). Equation (1) shows that 

the gravitational moment depends on both shoulder and elbow posture and increases 

nonlinearly as the shoulder elevates from 0° to 90°. We estimated the value of 𝜏𝐺 in (1) 

based on anthropometric data of a 50th percentile male (age 27.45 ± 5.64 years) and 

assuming a fully extended elbow [59, 60].  

𝜏𝐺(𝛼⁡, 0⁡) = ⁡10.4⁡ sin(𝛼)  Nm (2) 

Selection of Elastic Spring Component 

The force-generating components of previous passive exoskeletons are typically 

either zero-free-length springs, constant-force springs [61], or rubber bands [62]. For the 
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shoulder joint, which has the largest range of motion of all human joints, an ideal passive 

element must be able to generate force over large deflections. We selected a constant-

torque spring (Figure 2-7) which has a compact design since their deflection is achieved 

by rotating a set of spools. The constant-toque spring also simplifies the design of the 

cam since it makes the shoulder gravity moment the only variable in Eq. (5). In a 

constant-torque spring, a coiled, elastic metal strip is wrapped over a storage spool. The 

metal strip is stretched by wrapping and rotating it around an output spool in the 

opposite direction in which it is coiled. Energy is released from the spring when the metal 

strip unwinds from the output spool back onto the storage spool. When the spring is 

stretched, it generates constant torque ⁡𝜏𝑠𝑝𝑟𝑖𝑛𝑔 about the axis of the output spool [63]. 

We converted the torque into a tension force in a wrapping rope by attaching a pulley to 

the output spool (Figure 2-7).  

Based on the gravity moment in Eq. (2) and (5), we selected a commercially 

available constant-torque spring that can nominally produce a torque, 𝜏𝑠𝑝𝑟𝑖𝑛𝑔 = 0.84 ±

0.08⁡𝑁𝑚 when wound 10 turns around the output spool, according to the manufacturer 

(SV12J192, Vulcan Spring & Manufacturing, Telford, PA, USA). The spring material is 

301 Stainless steel and the design parameters recommended by the manufacturer are 

shown in the table in Figure 2-7. 

The torque generated by a constant-torque spring is higher during the stretching 

phase (i.e., spring winding onto the output spool) than during the recoil phase (i.e., 

spring winding back onto the storage spool). We opted to perform the design of WPCSE 

based on the torque generated during the recoiling phase during which it assists positive 

shoulder elevation movements. The torque, 𝜏𝑠𝑝𝑟𝑖𝑛𝑔, that we measured (see Experiments 

section.) from the constant-torque spring during the recoiling phase was 0.67 ± 0.02⁡𝑁𝑚. 

Development of Cam-Wheel Profile 

The cam-wheel is the key component of the WPCSE that adjusts the cable 

pulling force to output the desired increasing positive shoulder elevation moment with 

increasing shoulder elevation angle (Figure 2-8).  

The rotation of the wheel (𝜑) is related to the shoulder elevation angle (𝛼) based 

on simple gear modeling, and can be described as (3): 
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Figure 2-7. Schematic view of a constant-torque spring. The geometrical properties of the 

selected spring assembly are listed in the table. 
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Figure 2-8. Schematic representation of the spring-cam-wheel module. 
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𝜑 =
𝑟𝑠
𝑟𝑤

𝛼 (3) 

where 𝑟𝑤 represents the radius of the constant-radius wheel and 𝑟𝑠 is the moment arm of 

the shoulder cable about the glenohumeral joint. Theoretically, the WPCSE can be 

designed to generate an assistive positive shoulder elevation moment 𝜏𝐸 that 

counteracts some proportion, 𝑘, of the gravity moment, 𝜏𝐺(𝛼⁡, 0⁡). A value of 𝑘 = 1 is 

expected to completely balance the upper extremity weight in all static shoulder 

elevation postures. However, in this study, we set 𝑘 = 1/4, for three main reasons. First, 

during dynamic positive shoulder elevation movements, full static assistance coupled 

with the inertia of the moving upper extremity mass would exceed the negative shoulder 

elevation moment due to gravity. Second, our preliminary theoretical model did not 

account for friction and other factors that increase the WPCSE moment during negative 

shoulder elevation, since the quantitative effect of these factors was unknown at the time 

of the study. Third, in a preliminary study of an exoskeleton prototype with 𝑘 = 1/2, 

some users needed to actively lower their arm with the WPCSE [64] to counteract the 

exoskeleton moment.   

𝜏𝐸 = 𝑘𝜏𝐺(𝛼⁡, 0⁡) (4) 

For the cam-wheel to be statically balanced, assuming no loss due to friction: 

𝐹𝐶(𝜑)ℎ(𝜑) −⁡
𝑟𝑤
𝑟𝑠

𝜏𝐸 = 0 (5) 

where⁡𝐹𝐶(𝜑) is the tension force in the wrapping rope that connects the constant-torque 

spring to the variable-radius cam, and ℎ(𝜑) is the moment arm of the wrapping rope with 

respect to the cam’s axis of rotation. 

We first determined the form of ℎ(𝜑) in (5) to calculate the final geometry of the 

cam. The value of 𝑟𝑠 was set to 0.06𝑚, which we estimated from a computational 

musculoskeletal model [65]. The cable tension force was calculated by dividing ⁡𝜏𝑠𝑝𝑟𝑖𝑛𝑔 

by the radius 𝑟 of the pulley which is attached to the output spool. To determine the form 

of ℎ(𝜑) and values of 𝑟𝑤 and 𝑟, we performed a constrained, global numerical 

optimization using the GlobalSearch function in MATLAB (MathWorks, Inc., Natick, MA). 

The optimization identified parameter values that minimized the sum of the squared error 
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between the actual (𝜏𝐸) and desired (
1

4
𝜏𝐺)  assistive shoulder elevation moment by the 

exoskeleton, ||𝜏𝐸 −
1

4
𝜏𝐺||⁡2. From among five forms for ℎ(𝜑), including linear, quadrature, 

polynomial, power, and sinusoidal functions, that we tested in our global optimization 

procedure, we chose a sinusoidal form because it generated the lowest error [64]. This 

makes sense since the form of 𝜏𝐺 in (2) is also sinusoidal. 

ℎ(𝜑) = 𝐴 sin(𝐵𝜑) + 𝐶 (6) 

The design parameters computed during the global optimization procedure are 

displayed in Table 2-3.  

We then determined the geometrical profile of the cam analytically using a 

complex form of the loop closure method [66]. The coordinate of the contact point, 𝑃, 

between the wrapping rope and the cam surface (Figure 2-8), can be represented as: 

𝑃⃗ = 𝑐𝑒𝑖𝜑 + 𝑒𝑖𝜃(𝑟 − 𝑙𝑖) (7) 

where 𝑐 is the center-to-center distance between cam-wheel and the spring output 

spool; 𝑙 is the length of the unwrapped portion of the wrapping rope; and 𝜃 is the angle 

of the moment arm. The angle 𝜑 can be written as a function of the moment arm ℎ(𝜑): 

𝜑 = 𝑐𝑜𝑠−1 (
ℎ − 𝑟

𝑐
) + 𝜃 (8) 

We set 𝑐 = 0.010⁡𝑚 to have the final integrated spring-cam-wheel module as compact as 

possible while still maintaining clearance between the cam-wheel component and the 

constant-torque spring. The value of 𝑙 was derived using the contact condition between 

the cable and the cam 𝑛⃗ ∙ (
𝑑𝑃⃗⃗⃗⃗  ⃗

𝑑∅
) = 0. This leads to the following equation to calculate 𝑙. 

𝑙 = 𝐶
𝑑𝜑

𝑑𝜃
sin⁡(𝜑 − 𝜃) (9) 

where 
𝑑𝜑

𝑑𝜃
 can be determined by taking the derivative of (8): 

𝑑𝜑

𝑑𝜃
= 1 −

1

√𝐶2 − (ℎ − 𝑟)2

𝑑ℎ

𝑑𝜃
 (10) 
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Table 2-3. Optimized design parameters 

𝒓𝒘 (m) 𝒓 (m) A B C 

0.030 0.030 -0.057 -0.492 0.000 
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Equations (7) to (10) are sufficient to develop the final profile of the cam-wheel (Figure 

2-9A). The coordinates of three hundred points representing the cam profile were 

obtained to develop its computer-aided design (CAD) model (Figure 2-9B).  

Exoskeleton Prototype 

Based on the design parameters and dimensions above, we fabricated a 

prototype of the WPCSE using off-the-shelf and 3D-printed components, as described 

below.  

Spring-cam-wheel Module Assembly 

The CAD models of the cam-wheel, spring spools, and pulley were developed in 

Solidworks software (2018, Dassault Systémes SolidWorks Corp., MA, USA). From the 

CAD models, the parts were 3D printed in ABS plastic (Figure 2-9B, C, D). The constant-

torque spring and output pulley were assembled and installed on a 304-alloy stainless-

steel sheet (14 × 17 × 0.16 cm3) using Clevis pins and retainer rings. To facilitate the 

rotation of the spools, two deep-groove ball bearings (688-ZZ) were pressed in each 

spool. The cam-wheel was equipped with a single row ball bearing (Koyo, EE4C3) that 

was bolted to the stainless sheet. An inelastic, solid-braid nylon rope (9.50 mm 

thickness) connected the cam and spring pulley. To prevent the constant-torque spring 

from suddenly winding onto the storage spool, a mechanical stopper (pin inside circular 

groove) was incorporated in the output spool to limit its rotation to 350°. A similar stopper 

was incorporated in the cam-wheel to limit its rotation such that the WPCSE applied 

force to the arm for shoulder elevation angles between 0° and 90°.  

Custom Braces 

The WPCSE prototype consisted of a back brace and an arm cuff, on which 

other components were mounted. We custom-made a thermoplastic back brace (acrylic 

sheet) by casting a person’s torso with plaster gauze and fabricating positive and 

negative molds. The back brace was attached to a back-support vest that straps across 

the shoulder and around the waist (Figure 2-10A). The inside of the back brace was 

covered with padding to improve fit and comfort. A thermoplastic cuff was attached to an 

adjustable, slide-on elbow support that straps to the arm both above and below the  
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Figure 2-9. A) Profile of the cam-wheel. B) CAD model of the cam-wheel. C) Posterior view of the 

cam-wheel. D) Exploded view of the spring-cam-wheel module assembly. 
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Figure 2-10. A) WPCSE prototype. B) Bowden cable routing path over the shoulder. C) Benchtop 

prototype.  
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elbow joint (Figure 2-10A). This prevented the arm cuff from sliding proximally while still 

permitting elbow flexion. 

Cable Routing 

A Bowden cable transmitted the force from the spring-cam-wheel module 

assembly to the arm cuff. A Bowden cable consists of an inner cable (commonly of steel) 

and an outer casing (a composite of helical steel wire and a plastic outer sheath). The 

inner wire wrapped around the wheel on one end and connected to the arm cuff on the 

other end using a spring snap.  

The Bowden cable casing was clamped at each end and in the middle by self-

aligning spherical bearings (maximum pivot angle = 60°) that were bolted to the back 

brace (Figure 2-10B). Clamping the casing was required so that the inner wire could 

move relative to it and transmit the pulling force. The spherical bearings permitted the 

cable to pivot and align with the arm as elevation plane angle changed. The path of the 

Bowden cable was designed to minimize friction (i.e., by avoiding bends with small 

radius of curvature). A small (~5 cm) length of casing extended distally from the bearing 

mounted over the shoulder to enable the inner cable to curve smoothly over the 

shoulder.   

Prototype Specifications 

The final prototype of the WPCSE weighed 1.82 kg, of which 0.83 kg was due to 

the spring-cam-wheel module assembly, 0.82 kg was due to the back brace, and 0.17 kg 

was due to the arm cuff. The total weight of the WPCSE is relatively low and mostly 

borne on the torso, so we do not expect it to have a large effect on user fatigue. It was 

also designed to be donned/doffed independently by the user. However, the length of 

the inner wire of the Bowden cable needed to be adjusted once for each user according 

to their anthropometry.  

Benchtop Setup 

In addition to the WPCSE prototype, we developed a benchtop prototype (Figure 

2-10C) to preliminarily evaluate the mechanical output of the WPCSE and its 

components. The benchtop prototype consisted of a v-belt pulley (radius = 0.08 m) 

representing the Bowden cable wrapping over the shoulder; the pulley had an 
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embedded handhold so that it could be rotated manually to mimic shoulder elevation 

movements. Depending on the test (Experiments section), the v-belt pulley was 

connected to either the spring-cam-wheel assembly or to the WPCSE. A rotary encoder 

(LPD-3806-600bm-G5-24c, GTEACH, China) was installed on top of the v-belt pulley to 

measure its rotation angle for computing the mimicked shoulder elevation angle. An s-

type load cell (ATO-LC-S04, 50 kg capacity, ATO, Diamond Bar, CA, USA) was also 

placed along the cable path to measure its pulling force. An Arduino Nano board was 

programmed to compute the shoulder elevation moment and angle from the measured 

force and angle, respectively. 

Experiments 

Mechanical Performance Evaluation  

Using the benchtop prototype, we measured the torque generated by the spring 

alone, the spring-cam-wheel module alone, and the entire WPCSE. The spring-cam-

wheel module and WPCSE were essentially the same except that the WPCSE also 

included the Bowden cable and its routing path on the back brace. The WPCSE was 

placed on the fabricated positive mold of the torso and fixed to a workbench. The side of 

the Bowden cable that attaches to the arm cuff was connected to the v-belt pulley. To 

test the spring-cam-wheel module alone, we fixed it to the benchtop board and 

connected the wheel to the v-belt pulley via the inner Bowden cable (Figure 2-10C). The 

v-belt pulley was manually rotated from 0° to 67.5° to simulate the shoulder elevation 

from 0° to 90°. The angle difference was due to the difference between the v-belt pulley 

radius and the estimated moment arm of the Bowden cable about the shoulder.  

The v-belt pulley was rotated manually counterclockwise (i.e., simulated positive 

shoulder elevation) and clockwise (i.e., simulated negative shoulder elevation), three 

times at a slow speed (i.e., quasi-static condition). Cable pulling force and pulley 

rotational angle data were collected at 20 Hz. The shoulder elevation moment was 

calculated by multiplying the cable pulling force by the radius of the v-belt pulley. 

Measured pulley rotation angles were multiplied by 
4

3
 (pulley-to-shoulder moment arm 

ratio) to compute the simulated shoulder elevation angles. The final moment-angle 

relationships for the spring-cam-wheel module and WPCSE were obtained by 
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resampling the simulated positive and negative shoulder elevation phases into 50 points 

each and averaging across the three repetitions.  

To test the constant-torque spring alone (i.e., pre-cam), the spring was installed 

on the benchtop board. The output pulley was attached to the v-belt pulley via an inner 

Bowden cable. We wound the spring strip 10 turns around the output spool. The torque 

of the spring was calculated by multiplying the cable tension force by the radius of output 

pulley (0.03 m). We computed the spring’s torque-angle relationship as described above 

for the spring-cam-wheel module and WPCSE.  

Biomechanical Performance Evaluation  

Participants 

We conducted a biomechanics study to preliminarily determine the effect of the 

WPCSE on the neuromuscular activity of muscles crossing the shoulder and on shoulder 

kinematics. Eight able-bodied (6 male and 2 female) volunteered to participate in the 

pilot study (mean ± SD, age = 33 ± 9 years, height = 1.76 ± 0.08 m, weight = 72 ± 7 kg). 

Eligible participants were 18 to 70 years old with no self-reported history of upper limb 

pain or injury within the previous year.  

Instrumentation and Experimental Procedure 

The experimental procedure was approved by the institutional review board at 

the University of Tennessee, Knoxville (UTK IRB-19-04990-FB, 2020), and all 

participants provided their informed consent. Participants were fitted with the WPCSE 

and asked to perform three different shoulder movements with and without assistance 

(Figure 2-11A). For the without-assistance condition, the Bowden cable was detached 

from the arm cuff. The movements were shoulder elevation in the sagittal and frontal 

planes (Figure 2-11B, C), and shoulder adduction/abduction in the horizontal plane 

(Figure 2-11D). These movements were chosen because they capture the functional 

ranges of shoulder motion required to perform activities of daily living [67] and used 

clinically to evaluate shoulder mobility [68]. For each trial, participants moved the 

shoulder from 0° to 90° and back to 0° in the relevant plane (Figure 2-11). The trials 

were performed with the elbow fully extended, at the participant’s preferred speed, and 

with a brief (1-2 seconds) pause at the upper (90°) and lower (0°) limit of movement. 
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Figure 2-11. A) A participant with WPCSE, EMG electrodes, and reflective marker clusters. B). 

Shoulder elevation in the sagittal plane. C) Shoulder elevation in the frontal plane. D) Shoulder 

adduction/abduction in the horizontal plane. 
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In each trial, participants performed 10 continuous repetitions of each shoulder 

movement while sitting upright on a stool. We randomized the order of exoskeleton 

condition (with and without WPCSE) and, within each exoskeleton condition, randomized 

the order of shoulder movements. Participants rested between trials for about 30 

seconds to reduce the likelihood of fatigue.  

During the trials, we synchronously measured electromyograms (EMG) and 

kinematics of the participants. We recorded EMG from several muscles crossing the 

shoulder, including anterior (AD), middle (MD), and posterior deltoid (PD), pectoralis 

major (PM), latissimus dorsi (LD), infraspinatus (ISP), trapezius (TRAP), biceps brachii 

(BB), and triceps brachii (TB) (Fig. 6A). EMG data were recorded at a sampling 

frequency of 3000 Hz (TeleMyo 2400 G2, Noraxon, AZ, USA) using surface electrodes 

(bipolar silver/silver chloride electrodes) attached to the participant’s skin. Before starting 

the experiment trials, baseline EMG of muscles at rest and during maximum voluntary 

contraction (MVC) were recorded based on a previously described method [69]. We 

used a 7-camera infrared motion capture system (OptiTrack Prime 13) to track the three-

dimensional positions of reflective marker clusters that were placed on the participant’s 

upper back, arm, forearm, and hand [70]. Marker cluster position data were recorded at 

120 Hz. 

Data Processing 

The EMG data for each movement repetition were divided into positive 

elevation/adduction, and negative elevation/abduction phases based on the kinematics. 

The raw EMG data was band-pass filtered at 10-500 Hz, full wave rectified, and low 

pass filtered with a 4th order Butterworth filter at a cut-off frequency of 6 Hz. For each 

participant, the processed EMG for each muscle were normalized by the maximum 

processed-EMG value recorded from the respective muscle during MVCs.  

The MotionMonitor software (V8.0, Innovative Sports Training, Inc., Chicago, IL, 

USA) was used to compute and resample (at 3000 Hz) the shoulder elevation and plane 

of elevation angles from the marker cluster position data. Shoulder elevation angle 

(sagittal and frontal trials only) or elevation plane angle (horizontal trials only) was 

considered for further analyses since movements were predominantly along these 
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degrees of freedom. Angular velocity was also calculated by taking the derivative of the 

predominant shoulder angles.  

The root mean square (nRMS) of the normalized EMG, angular displacement, 

and angular velocity were calculated and averaged across eight middle repetitions (i.e., 

out of 10 repetitions) for each trial and movement phase [71, 72]. All data processing 

was performed using MATLAB packages and custom-made scripts (MathWorks, Natick, 

MA). 

Statistical Analysis 

Paired Student’s t-tests were used to compare nRMS EMG between exoskeleton 

conditions. Normality of nRMS EMG data was evaluated by Kolmogorov-Smirnov test (α 

= 0.05). When normality test was violated, nonparametric Wilcoxon rank-sum test was 

used. Statistical analysis was executed using SPSS 27 (IBM Corporation). We also 

perform paired t-tests by one-dimensional statistical parametric mapping (SPM) [73] to 

compare the one-dimensional angular displacement and velocity time series between 

exoskeleton conditions (α = 0.05). Since the biomechanics experiment was preliminary, 

we did not correct for multiple tests so that we could identify potential trends in 

differences between exoskeleton conditions.  

Results 

Mechanical Performance  

Under quasi-static conditions, the constant-torque spring was able to produce a 

nearly constant torque (0.77 ± 0.02⁡𝑁𝑚) that was in the range of the manufacturer’s 

specified nominal torque (0.84 ± 0.08⁡𝑁𝑚) for the stretching phase (Figure 2-12). The 

torque generated by the spring during the unloading phase was 0.67 ± 0.02⁡𝑁𝑚, which 

was 20% lower than the nominal torque.  

For the spring-cam-wheel module assembly, the measured moment matched 

reasonably well with the theoretical moment during simulated positive shoulder 

elevation. This was expected because we optimized the design parameters of the cam-

wheel based on the torque value that spring generates during its unloading phase. 

However, a larger moment, up to 50% larger than the theoretical moment, was required 

during simulated negative shoulder elevation to stretch the spring. The difference in 



 

45 

 

 

 

Figure 2-12. Joint moment produced by the constant-torque spring (pre- and post-cam), spring-

cam-wheel module, and WPCSE during simulated shoulder elevation. The shaded regions 

indicate the degree of hysteresis, which is the difference in torque or moment between the 

positive and negative shoulder elevation phases.  
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moment between simulated positive and negative shoulder elevation phases was even 

greater for the WPCSE (Figure 2-12, blue area); the measured WPCSE moment was up 

to 30% lower than the theoretical moment during simulated positive shoulder elevation, 

and up to 120% higher than the theoretical moment during simulated negative shoulder 

elevation.  

Biomechanical Performance  

During positive elevation/adduction, nRMS EMG values of several muscles 

tended to be lower for trials with exoskeleton assistance across the participants (Figure 

2-13). However, the reduction in nRMS was only significant for the MD (33%) and ISP 

(20%) muscles in the sagittal plane (p-value < 0.05). The mean of muscle activity across 

the subjects was also reduced, but not significantly so, for the AD (17%), PD (13%), and 

TRAP (18%) muscles during positive shoulder elevation in the sagittal plane; for the AD 

(7%), MD (10%), PD (22%), ISP (19%), and TRAP (18%) muscles during positive 

shoulder elevation in the frontal plane; and for the AD (10%), MD (12%), PD (8%), ISP 

(17%), and TRAP (21%) muscles during horizontal adduction. During negative shoulder 

elevation/abduction movements (Figure 2-14), nRMS EMG was significantly reduced for 

the TRAP muscle in the frontal (30%) and horizontal (17%) planes (p-value < 0.05). The 

average of nRMS also tended to be lower, but not significantly so, for the AD (10%), and 

ISP (15%) muscles in the sagittal plane; for the PD (20%), and ISP (21%) muscles in the 

frontal plane; and for the AD (13%), MD (9%), PD (9%), and ISP (15%) muscles in the 

horizontal plane. 

The SPM results showed no significant difference for the shoulder angular 

displacement and velocity between with and without exoskeleton conditions. Although 

the standard deviation (blue shadows) of normalized angular displacement and velocity 

of shoulder movements was higher with exoskeleton assistance, the spatial/temporal 

aspects of their profiles and the durations of the acceleration/deceleration phases were 

similar between assistance conditions (Figure 2-15, Figure 2-16).  

Discussion 

We presented the design of a wearable passive cam-based shoulder 

exoskeleton (WPCSE), whose novel feature is a spring-cam-wheel module that can 

provide nonlinear, customizable mechanical output; in our case, the mechanical output  
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Figure 2-13. Root mean square of the normalized EMG (nRMS EMG) of several muscles 

crossing the shoulder during positive shoulder elevation in the sagittal plane (A), shoulder 

elevation in the frontal plane (B), and horizontal adduction (C) with and without exoskeleton 

assistance. Each bar shows the mean nRMS EMG across subjects. White and blue bars indicate 

trials without and with exoskeleton assistance, respectively. Error bars represent the standard 

error. * indicates statistically significant differences between trials with and without the 

exoskeleton. Shaded area shows muscles that primarily contribute force in the direction of 

positive shoulder elevation, based on their moment arms.  
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Figure 2-14. Root mean square of the normalized EMG (nRMS EMG) of several muscles 

crossing the shoulder during negative shoulder elevation in the sagittal plane (A), negative 

shoulder elevation in the frontal plane (B), and horizontal abduction (C) with and without 

exoskeleton assistance. Each bar shows the mean nRMS EMG across subjects. White and blue 

bars indicate trials without and with exoskeleton assistance, respectively. Error bars represent the 

standard error. * indicates statistically significant differences between trials with and without the 

exoskeleton. Shaded area shows muscles that primarily contribute force in the direction of 

positive shoulder elevation, based on their moment arms.  
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Figure 2-15. Mean of shoulder angular displacement and standard deviations (SD) during 

elevation in the sagittal plane (A), elevation in the frontal plane (B), and horizontal 

adduction/abduction (C) with and without exoskeleton assistance. The solid red curve and purple 

shadow show the mean and ±SD of dominant angular displacement across subjects for trials 

without exoskeleton. The blue dashed curve and blue shadow show the mean and ±SD of 

dominant angular displacement across subjects for trials with exoskeleton.  
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Figure 2-16. Mean of shoulder angular velocity and standard deviations (SD) during elevation in 

the sagittal plane (A), elevation in the frontal plane (B), and horizontal adduction/abduction (C) 

with and without exoskeleton assistance. The solid red curve and purple shadow show the mean 

and ±SD of dominant angular velocity across subjects for trials without exoskeleton. The blue 

dashed curve and blue shadow show the mean and ±SD of dominant angular velocity across 

subjects for trials with exoskeleton. 
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assists the shoulder in the direction of positive shoulder elevation based on the 

configuration of a force transmission cable. 

The customized assistance is made possible specifically by the variable-radius 

cam, which acts as a gearing mechanism to modulate the force output of the spring. 

Cams are excellent design features that modulate force according to their shape. Thus, 

cams have been used in other passive mechanisms, including gravity-compensating arm 

supports that need to be mounted on walls or rigid frames, such as tables or wheelchairs 

[48]. Customizable assistance is an essential feature of exoskeletons since assistance 

requirements vary (1) across users as a function of their anthropometry and functional 

ability level and (2) across applications and tasks. 

For both the spring-cam-wheel module and the WPCSE, the moment measured 

during the mechanical performance evaluation was larger during negative shoulder 

elevation (i.e., as the spring was being stretched) than during positive shoulder elevation 

(i.e., as the spring recoiled). We suspect that this so-called hysteresis behavior was 

primarily due to friction, for instance, at bearings and between the cables and 

components they wrap around. Inefficiency in the energy storage and return within the 

spring itself, inherent in all elastic springs, is another potential source of loss. The 

quantitative friction data from this study will be incorporated in our theoretical model so 

that it can be accounted for in future design iterations of our WPCSE prototype. 

The hysteresis effect was more dramatic (i.e., more than 2x larger) with the 

WPCSE, which included the Bowden cable, than with the spring-cam-wheel module 

alone. Bowden cables are advantageous in wearable robotics applications in terms of 

design flexibility and remote actuation. However, Bowden cables introduce considerable 

friction [74] and appeared to be the main cause for the hysteresis behavior in the 

WPCSE. This friction, which originates from the contact between the inner wire and 

outer casing of the Bowden cable, is considered to be a nonlinear function of multiple 

geometric and material properties [75]. In the design of the WPCSE, we tried to minimize 

the Bowden cable friction by (1) fixing the cable’s routing path using self-aligning 

spherical bearings and (2) placing the bearings so that the cable followed the most direct 

and shortest path from the spring-cam-wheel module to the shoulder and arm cuff. For 

future WPCSE design iterations, we will explore other Bowden cable configurations and 

alternative force transmission methods to reduce friction.  
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Promisingly, while only compensating for one-fourth of the gravity moment, the 

WPCSE showed a trend of reducing the root mean square (ranging from 9% to 33%) 

normalized EMG of several muscles crossing the shoulder consistently across the 

subjects. Reductions in muscle activity were mostly consistent across the subjects for 

the deltoid and rotator cuff muscles, which play major roles in compensating for gravity 

and stabilizing the glenohumeral joint during shoulder movements [76]. Our results are 

consistent with several previous studies that also showed that varying levels of gravity 

compensation at the shoulder can reduce muscle activity [52, 53, 77, 78]. The results of 

our pilot study justify and will facilitate the design of a biomechanical study with greater 

statistical power (i.e., larger sample size) to rigorously validate the efficacy of the 

WPCSE in reducing the activity of muscles crossing the shoulder. To support clinical 

translation, it will also be important to identify what magnitude of muscle activity 

reductions are clinically meaningful; this likely depends on factors such as pathology 

(e.g., rotator cuff tear vs nerve injury) and treatment objective (e.g., improve motor 

function vs offload tissues).  

Interestingly, during negative elevation/abduction movements, the WPCSE 

tended to reduce the activity of the anterior deltoid, posterior deltoid, trapezius, and/or 

infraspinatus muscles across the subjects. This indicates that the participants were likely 

able to lower their arm using mostly gravity, even though the moment generated by the 

WPCSE during negative shoulder elevation was considerably higher than predicted by 

our theoretical model. This result, promisingly, contrasts with our previous computational 

study, which predicted higher activity in several muscles during negative shoulder 

elevation [65]. One possible explanation is that, during such movements, the WPCSE 

offloads muscles that contribute to positive shoulder elevation and are usually 

eccentrically contracted to control the shoulder’s angular descent. Additionally, 

participants may adapt their kinematics in subtle ways to avoid increasing muscle 

activity. We will test these hypotheses in a future, more comprehensive biomechanical 

study of the WPCSE.  

The kinematic features of the tested movements were the same with and without 

exoskeleton assistance. With exoskeleton assistance, subjects could attain the lower 

and upper limits of movements and continuously move their arms between them, similar 

to the without-assistance condition. This suggests that the WPCSE did not constrain or 
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impede subjects’ motions during the tested movements; this was supported by verbal 

feedback from the subjects as well. The shape of the angular velocity profile was similar 

between with and without exoskeleton conditions. However, subjects seemed to have 

more spatial and temporal variation throughout the tested movements with exoskeleton 

assistance, as indicated by the wider shadows for the angular displacement (Figure 

2-15) and velocity (Figure 2-16). The slower movements may be due to subjects having 

no prior experience with the exoskeleton; in future studies, we will test the effect of 

experience (i.e., time of use) on kinematics. 

The level of mechanical assistance generated by the WPCSE is expected to 

strongly influence neuromuscular activity, joint loads, and motor function at the shoulder. 

A desirable level of assistance would be one that both maximally assists and minimally 

resists user-generated moments. For example, though a high level of gravity 

compensation at the shoulder would maximally assist positive shoulder elevation 

movements, it might also require the user to generate higher negative shoulder elevation 

moments to overcome the gravity compensation and lower the arm. More research is 

needed to investigate the relationship between exoskeleton assistance level and 

biomechanical performance, which will inform the future design and prescription of 

wearable passive shoulder exoskeletons. 

We chose to compare biomechanics with and without exoskeleton assistance, 

rather than with and without the exoskeleton, for two main reasons. First, the chosen 

comparison controlled for any effect that simply wearing the exoskeleton components 

(independent of the assistance force) may have on biomechanics. Second, the chosen 

comparison permitted a more rigorous study design; since subjects wore the 

exoskeleton for both assistance conditions, we could more easily and reliably randomize 

the order of trials of each condition while reducing within-condition variability (e.g., 

variation in exoskeleton placement due to repeated don/doff of the device). Since the 

without-assistance condition may not represent the subject’s normal “free” movement, it 

will be important to include a without-exoskeleton condition in future biomechanics 

studies of the WPCSE. 

The WPCSE prototype and study had some notable limitations. First, as with 

most other passive shoulder exoskeletons, our WPCSE was designed to support the 

shoulder when the torso is upright and aligned with gravity; when the torso is flexed or 
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extended, the exoskeleton and gravity moments will not be aligned, and the user may 

not be able to rely on gravity alone to counteract the exoskeleton moment. Second, as it 

was a prototype, the tested WPCSE likely requires further refinement before it can be 

used clinically. For example, the prototype did not include fail-safe or adjustment 

features that would allow a patient to deactivate or adjust the assistive force. 

Additionally, the Bowden cable, because of the way it was routed over the shoulder, 

contacted the skin during parts of the movement, which could be uncomfortable; we will 

explore different routing geometries and skin padding in future prototypes to avoid direct 

cable-skin contact. Third, our study of biomechanics was limited to able-bodied subjects. 

Testing in a patient population will be essential for demonstrating device safety and 

efficacy to support clinical use. However, patients with shoulder disability may have 

underlying tissue injuries, muscle coordination patterns, or other conditions that could 

put them at increased risk for injury or re-injury when using a novel, untested device 

prototype. Thus, testing the exoskeleton on able-bodied subjects first provided valuable 

data that will inform how the prototype can be (1) tested safely on people with shoulder 

disability, and (2) refined to make it safer and more effective. The data also support our 

hypothesis, which we will test in our follow-up study, that the exoskeleton can reduce 

muscle activity in patients with shoulder disability. Other studies have similarly reported 

results from able-bodied subjects only when testing early-stage prototypes of assistive 

devices [79, 80]. Finally, our human subjects experiment included only three one-

degree-of-freedom movements and eight subjects; as with testing in a patient 

population, larger and more comprehensive studies of biomechanics and other clinically 

relevant outcomes [81] will be needed to support clinical translation.    

Conclusion 

To address an unmet clinical need for movement assistance at the shoulder, we 

presented the design of a WPCSE based on a novel spring-cam-wheel module. As a 

first step toward clinical translation, we preliminarily evaluated the mechanical and 

biomechanical performance of our WPCSE prototype. Our results showed that the 

WPCSE, compensating for a modest one-fourth of the gravity moment at the shoulder, 

tended to reduce the activity of several muscles crossing the shoulder, including the 

deltoid and rotator cuff muscles. However, our mechanical evaluation revealed aspects 

of the design that limit the assistance that the WPCSE could provide. In our future work, 



 

55 

 

we will test different WPCSE assistance levels and identify a range of assistance that 

most enhances shoulder motor function and biomechanics without impeding 

movements. More comprehensive biomechanical studies will be performed to assess the 

WPCSE for more biomechanical parameters (e.g., range of motion and endpoint/hand 

kinematics), more participants (both able-bodied subjects and people with shoulder 

disability), and more movements that typify activities of daily living. Finally, several 

design refinements, especially those that reduce friction in the system, will be explored.  
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CHAPTER 3 : IDENTIFYING AN OPTIMAL ANTI-GRAVITY 

ASSISTANCE LEVEL FOR SELECT FUNCTIONAL SHOULDER 

MOVEMENTS: A SIMULATION STUDY 
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Abstract 

The level of assistance torque (i.e., mechanical assistance) is one key design 

parameter for passive shoulder exoskeletons. High assistance levels may perturb arm 

movements, while low assistance may not provide functional benefits. The objective of 

this study was to use computational tools to identify an optimal anti-gravity assistance 

level for passive shoulder exoskeletons. 

We used the task space framework to perform biomechanical simulations of arm 

movements in OpenSim (Stanford, CA, USA). The simulated movements, which 

mimicked functional tasks, included shoulder elevation and lowering movements in 

frontal and scapular planes, as well as forward and lateral reaching movements. These 

movements were simulated across a range of assistance torque levels from 0% (no-

assistance) to 100% of the maximum shoulder gravity torque, in increments of 10%. 

Muscle activations and bone-on-bone joint contact forces at the glenohumeral joint were 

estimated using static optimization and joint reaction analysis, respectively. The optimal 

assistance level was identified based on analysis of hand kinematics, muscular 

response efficiency, and glenohumeral joint stability. 

As the assistance level increased from 10% to 40%, the variability of hand 

movements nearly doubled, and this trend continued for higher assistance levels. The 

total muscle effort rate was minimized at an assistance level ranging from 20% to 30%. 

While the stability of the glenohumeral joint was mostly maintained across assistance 

levels, it decreased slightly at higher assistance levels. The results of this study 

indicated that, for the simulated movements, an optimal assistance level lies within the 

range of 20-30% of the maximum gravity torque at the shoulder joint. Assistance levels 

above 40% could cause undesired effects such as greater variability of end-limb 

kinematics, reduced muscular efficiency, and compromised glenohumeral joint stability. 

Introduction 

Arm weight compensation has been the design paradigm for many powered and 

passive (i.e., unpowered) shoulder exoskeletons developed for medical rehabilitation 

[82-86] and movement assistance/support [36, 38, 87]. The shoulder gravity torque 

generated by the mass of the distal limb segments is much greater than inertial torques 

during daily activities [17]. This is especially the case for patients with neurological and 
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orthopedic shoulder disability who move their arm at lower speeds than healthy people. 

Weight compensation of the upper extremity can enhance motor function and extend the 

reaching workspace for such patients [52, 88, 89]. Thus, many end-effector robots [19, 

88, 89], cable-driven manipulators [90] and exoskeletons [22, 91-93] for clinical 

applications function as gravity compensators. Gravity compensating exoskeletons have 

been also developed for motion augmentation and assistance during occupational tasks 

(e.g., overhead activities or manual handling) [36, 38, 87, 94]. Occupational 

exoskeletons physically aid workers during high-demanding tasks and reduce the risk of 

work-related injuries by removing excessive musculoskeletal strains and fatigue [38, 95]. 

Powered upper limb exoskeletons can provide transparent, feedback-controlled, 

gravity balance in any arm posture [88, 89, 96]. Thanks to the advanced design 

mechanisms, embedded position/force sensors, and control strategies, powered 

exoskeletons can provide decoupled, full-arm balance in any pose and trajectory without 

restricting other degrees of freedom of the arm. However, achieving such flexible gravity-

compensating capacity comes with trade-offs, such as high weight, obstruse design, and 

high maintenance cost, which limit the wearability and portability of powered 

exoskeletons. These disadvantages have recently given rise to the development of 

passive exoskeletons as an attractive solution for providing continuous, portable gravity 

compensation to assist or support arm movements [27, 36, 64, 82, 87].  

Passive exoskeletons mainly consist of energy-shuffling mechanisms in which 

counterweights and/or elastic elements (e.g., mechanical springs and rubber bands) 

store mechanical energy during specific movement phases and return it during others 

[87, 97]. Counterweights are avoided for wearable devices since they increase the 

overall weight of the device. Manufacturing mechanical springs with zero free length or 

specific force-displacement profiles is also costly [98]. Therefore, multi-linkage [87], 

parallelogram- [26, 98], pulley- [36], and cam-based [82] mechanisms have been used to 

modulate the force output of off-the-shelf, non-zero free length springs and, thus, tune 

the assistance level as desired. Depending on the targeted end user, these mechanisms 

can help to produce arm balance [26, 98] at certain angles or modulated bionic assistive 

torque across the range of arm elevation [38, 82, 87].  

The assistance level is a crucial design parameter for passive shoulder 

exoskeletons. However, there is no consensus on what assistance level is most 
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beneficial to the user [36]. A study of the ShoulderX exoskeleton [37] reported up to 80% 

reduction in activation of the anterior deltoid and upper trapezius muscles with an 

assistive torque ranging from 8.5 to 20.0 Nm. In an experimental evaluation of the Proto-

MATE [38] with an assistive torque equal to 50% of the estimated gravity torque (i.e., up 

to 5.5 Nm), activations of the shoulder flexor muscles  were reduced by up to 43%. 

Rossini et. al. [36] also reported up to 22% reduced activation of shoulder flexor muscles 

when the Exo4Work shoulder exoskeleton delivered 3 Nm assistive torque. However, in 

a study with able-bodied subjects, Asgari et. al. reported that users experienced 

discomfort [64] and greater muscle activity during arm lowering movements when a 

wearable passive shoulder exoskeleton compensated for 50% of the shoulder gravity 

torque [82]. Some studies also suggest that an optimal level of assistance might be task 

dependent [28]. 

Increasing assistance level can substantially reduce the activity of the muscles 

responsible for positive shoulder elevation/flexion against gravity. However, too much 

assistance can be associated with undesirable effects such as higher levels of activation 

in antagonist muscles [37, 39, 40], compromised joint stability and stiffness [65, 99], and 

altered joint kinematics and end-point precision [100]. Studies of occupational 

exoskeletons reported that, during overhead reaching tasks, the activity of shoulder 

flexor muscles (e.g., deltoids, trapezius) was less, while the activity of antagonist 

muscles (e.g., triceps and latissimus dorsi) was greater, with the exoskeletons than 

without [37, 40]. When faced with external assistive forces or perturbations, the 

neuromuscular system stabilizes the upper body joints and end-limb by modulating the 

magnitude and patterns of activations of agonist-antagonist muscle pairs [101, 102]; this 

has important implications for joint stiffness and stability. Specifically, over-assistance 

could compromise agonist-antagonist muscle coordination and joint and end-limb 

stability [103, 104], resulting in higher muscle activations and reduced task performance 

and precision for the wearer [39].  

The main objective of this simulation-based sensitivity study was to determine 

the effect of anti-gravity assistance level at the shoulder on (1) muscular response 

efficiency and (2) stability at the joint and end-limb. Our hypothesis was that there exists 

an optimal assistance level, above which may degrade GH joint stability or task 

performance, and below which may provide less improvement in muscular efficiency. 
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Our overall approach was, using a task space (i.e., operational space) framework, to 

perform predictive biomechanical simulations of selected arm reaching and elevation 

movements; simulations were performed for eleven different anti-gravity assistance 

levels ranging from no assistance (0%) to 100% of the maximum gravity torque at the 

shoulder, in increments of 10%. 

Methods 

The musculoskeletal model 

For our musculoskeletal simulations, we used an existing upper limb 

musculoskeletal model [105] implemented in OpenSim (version 4.1) [106]. The upper 

extremity model includes 7 degrees of freedom (DOFs), with sets of three, two, and two 

DOFs describing the shoulder, elbow, and wrist kinematics, respectively. The skeletal 

geometry of the model is defined based on the anthropometric data of a 50th percentile 

male. The model is actuated by fifty Hill-type muscle-tendon units crossing shoulder, 

elbow, and wrist joints.  

The task space framework 

The task space framework is a model-based control approach to track a desired 

trajectory defined in the task coordinate system [107-113]. Unlike the joint coordinate 

systems, the task coordinate system is directly attached to the end-effector whose 

motion and contact forces describe the performed task. Therefore, developing the 

equations of motion in the task coordinate system simplifies the control problem by 

abstracting away the generalized coordinates in the joint space. The task space 

controller incorporates a dynamic model of the control plant to directly estimate the joint 

torques that are required to execute a dexterous and compliant tracking motion (i.e., 

task). This control strategy resembles the way humans control their upper limb motion 

where the central nervous system (CNS) acts as a high-level controller and executes 

goal-oriented hand movements. Among different task space controllers designed for 

over-actuated systems (i.e., redundant), Khatib’s [107, 114] approach  appealing as it 

decouples the dynamics of the task from that of the null space (i.e., posture). This 

approach is well-suited for musculoskeletal models, such as the upper limb model used 

in this study, in which the number of DOFs, 𝑛, is larger than the task dimension, 𝑚 [114, 

115]. Since musculoskeletal models are also subject to different constraints Φ(𝑞) = 𝟎 
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(e.g., holonomic), we used an orthogonal projection scheme, proposed by Aghili [116, 

117], to firstly eliminate the constraint forces by projecting the plant dynamics onto the 

constraints’ manifold.  

The joint-space equation of motion (EOM) for the upper limb with 𝑛 DOF and 𝑘 

linearly independent constraints, whose generalized coordinate vector is 𝒒 ∈ ℝ𝑛, can be 

written as [111]: 

𝑀(𝒒)𝒒̈ + ℎ(𝒒, 𝒒̇) ⁡+ ⁡𝝉𝑒𝑥𝑡 = 𝐵𝝉 + 𝐽𝐶
𝑇(𝒒)𝜆 (1) 

where 𝑀(𝒒) ∈ ℝ𝑛×𝑛 is the mass matrix; ℎ(𝒒, 𝒒̇) ∈ ℝ𝑛 includes gravity, centripetal, and 

Coriolis forces;   𝝉𝑒𝑥𝑡 ∈ ℝ𝑛  is the vector of externally imposed forces/torques; 𝝉 ∈ ℝ𝑛  is 

the vector of generalized forces;  𝐵 = 𝑑𝑖𝑎𝑔(𝑏1, … , ⁡𝑏𝑛) with 𝑏𝑖 = 1 for actuated 

coordinates and 𝑏𝑖 = 0 for passive coordinates; 𝐽𝐶
𝑇(𝒒) is the transpose of the constraint 

Jacobian; and  𝜆 ∈ ℝ𝑘 shows the constraint forces. For the sake of brevity, we replace 

𝑀(𝒒) by 𝑀, ℎ(𝒒, 𝒒̇) by ℎ from this point forward. 

To eliminate the constraint forces form (1), we multiply both sides by an 

orthogonal projection operator 𝑃 (𝑃 is orthogonal if 𝑃 = 𝑃2 = 𝑃𝑇) to obtain the projected 

EOM [113, 116]: 

𝑃𝑀𝒒̈ + 𝑃(ℎ + 𝝉𝑒𝑥𝑡) = 𝑃𝝉 (2) 

Since 𝑃𝐽𝐶
𝑇 = 0, we can obtain 𝑃 = 𝐼 −⁡𝐽𝐶

+𝐽𝐶, where 𝐽𝐶
+ is the Moore-Penrose 

pseudoinverse of the constraint Jacobian 𝐽𝐶. We can conclude from the first 

differentiation of the 𝑘 constraint  𝐽𝐶𝒒̇ = 0 that the vector of generalized velocity lies in 

the null space of the constraint Jacobian matrix [116]. This concludes: 

(𝐼 − 𝑃)𝒒̇ = 0 (3) 

Differentiating form (3): 

(𝐼 − 𝑃)𝒒̈ − 𝐶𝒒̇ = 0 (4) 

and 𝐶 = (
𝑑

𝑑𝑡
)𝑃 and can be obtained as 𝐶 = −𝐽𝐶

+𝐽𝐶̇. Substituting (4) in (2) gives:  

𝑃𝑀𝑃𝒒̈ + 𝑃(ℎ − 𝑀𝐶𝒒̇ ⁡+ 𝝉𝑒𝑥𝑡) = 𝑃𝝉 (5) 

Multiplying (4) by (𝐼 − 𝑃)𝑀 and adding it to (5) yields: 
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𝑀𝑐𝒒̈ + 𝑃(ℎ +⁡𝝉𝑒𝑥𝑡) − 𝐶𝑐𝒒̇ = 𝑃𝝉 (6) 

where 𝑀𝑐 = 𝑃𝑀𝑃 + (𝐼 − 𝑃)𝑀(𝐼 − 𝑃), and  𝐶𝑐 = (𝐼 − 2𝑃)𝑀𝐶. Unlike the 𝑃𝑀 term in (2),  

𝑀𝑐 is always invertible and symmetric, preserving the physical characteristics of the 

inertia matrix 𝑀 [116]. To map the projected joint-space EOM onto the task space, we 

multiply (6) by 𝐽𝑀𝐶
−1 and substitute 𝐽𝒒̈ with 𝒙̈ − 𝐽𝒒̇̇ [107, 111]. Note that every task 𝒙 ∈

ℝ𝑚 with 𝑚 DOFs can be related to the generalized coordinates by the task Jacobian 𝒙̇ =

𝐽(𝒒)𝒒̇.  

𝒙̈ − 𝐽𝒒̇̇ + 𝐽𝑀𝐶
−1𝑃(ℎ + 𝝉𝑒𝑥𝑡) − 𝐽𝑀𝐶

−1𝐶𝑐𝒒̇ = 𝐽𝑀𝐶
−1𝑃𝝉 (7) 

The joint-space generalized forces, 𝝉, can also be similarly mapped onto the task 

space forces, 𝑭, via 𝝉 = 𝐽𝑇𝑭. Thus, the EOM can be defined in the task space: 

Λ𝑐𝒙̈ + Λ𝑐𝐽𝑀𝐶
−1𝑃(ℎ + 𝝉𝑒𝑥𝑡) − Λ𝑐𝐽𝑀𝐶

−1𝐶𝑐𝒒̇ = 𝑭 (8) 

where Λ𝑐 = (𝐽𝑀𝐶
−1𝑃𝐽𝑇)−1 and is called a constraint-compliant inertia matrix. In the case 

where 𝝉𝑒𝑥𝑡 is available, as outlined by Khatib [107], the controller law can be modeled 

as: 

𝝉 = 𝐽𝑇𝑭 + (𝐼 − 𝐽𝑇𝐽𝑇
#
) 𝝉𝒑 (9) 

where 𝐽𝑇
#

= (𝐽𝑀𝐶
−1𝑃𝐽𝑇)−1𝐽𝑀𝐶

−1𝑃, and 𝝉𝒑 ∈ ℝ𝑛 is the posture vector defining the joint 

impedance behavior. 𝐽𝑇
#
 guarantees the decoupling of the task space from the posture 

space (i.e., the null space). In equation (9), 𝑭 can be computed from (8) based on a 

command task acceleration 𝒙̈𝒅 that defines the desired trajectory for the end-limb [107, 

111, 112]: 

𝒙̈ − 𝒙̈𝒅 + 𝑘𝑑(𝒙̇ − 𝒙̇𝒅) + 𝑘𝑝(𝒙 − 𝒙𝒅) = 0 (10) 

where 𝑘𝑑 and 𝑘𝑝 are positive-definitive gain matrices and 𝒙 = 𝒇(𝒒) is the forward 

kinematics tracking trajectory (Figure 3-1). In a similar way, 𝝉𝒑⁡can be estimated via a 

command joint acceleration 𝒒̈𝒅 that defines the impedance behavior in the null space 

[118]: 

𝝉𝒑 =⁡ 𝒒̈ − 𝒒̈𝒅 + 𝐾𝑑(𝒒̇ − 𝒒̇𝒅) + 𝐾𝑝(𝒒 − 𝒒𝒅) −⁡𝝉𝑒𝑥𝑡 (11) 

𝐾𝑑 and 𝐾𝑝 are positive-definitive matrices representing, in turn, the damping and 

stiffness.  
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Figure 3-1. A task/posture space upper limb controller with static optimization to estimate muscle 

activations.  
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Estimation of muscles activation 

We used static optimization (SO) to address the muscle redundancy problem 

[115, 119]. SO estimates the optimal muscle activations 𝑎𝑖⁡such that muscle forces 

produce the generalized torques specified by the task space controller, i.e., equation (9), 

while minimizing the following performance criterion: 

𝐽 = ⁡∑𝑎𝑖
2

𝑛𝑚

𝑖=1

 

subject to: 

𝜏𝑗 = ∑ 𝑟𝑖,𝑗𝐹𝑚𝑡,𝑖⁡
𝑛𝑚
𝑖=1 , 

0 ≤ 𝑎𝑖 ≤ 1⁡∀⁡𝑖 ∈ {1, 2, … , 𝑛𝑚}. 

(12) 

where 𝑟𝑖,𝑗 is the moment arm of muscle 𝑖 about the axis joint 𝑗, and 𝐹𝑚𝑡,𝑖⁡ represents the 

force generated by the musculotendon unit 𝑖.  We assumed a linear relationship between 

muscle activation and muscle force and ignored the muscle activation and contraction 

dynamics.  

𝐹𝑚𝑡,𝑖 = 𝑎𝑖𝐹𝑚𝑡,𝑖
𝑚𝑎𝑥(𝒒, 𝒒̇) (13) 

𝐹𝑚𝑡,𝑖
𝑚𝑎𝑥(𝒒, 𝒒̇)  represents the maximum force generating capacity for the 𝑖𝑡ℎ muscle 

estimated based on the instantaneous generalized coordinates and speeds [119, 120].  

Simulations 

The presented task space framework was used to execute predictive upper limb 

movement simulations with eleven levels of assistance at the shoulder joint for select 

functional tasks. The targeted assistance levels 𝑘 are no-assistance (k=0) and 10, 20, 

30, 40, 50, 60, 70, 80, 90, and 100, with 𝑘 being a percentage of the maximum gravity 

torque at the shoulder. Using the upper limb model, we estimated the maximum gravity 

torque in the frontal plane with a fully extended elbow and 90-degree arm elevation as 

following: 

𝜏⁡𝐺
𝑚𝑎(𝛼) = ⁡12.9⁡ sin(𝛼)  (Nm) (14) 

where 𝜏𝐺(𝛼) is the gravity torque and 𝛼 is the shoulder elevation angle [64, 82, 105]. For 

simplification, we used an idealized coordinate actuator to model the external assistive 



 

65 

 

torque in the positive direction of the shoulder elevation coordinate. The assistive torque 

was modeled by the following equation: 

𝜏𝑒𝑥𝑡(𝛼) =
𝑘

100
𝜏⁡𝐺

𝑚𝑎(𝛼) (15) 

The select functional tasks included shoulder elevation and lowering movements 

in two different planes of elevation and reaching movements to four target positions 

(Figure 3-2). We selected these reaching and elevation movements as they are clinically 

significant and involve complex coordination of multiple upper joints [121]. Furthermore, 

these motions require positive/negative elevation, which is a significant movement of the 

shoulder during daily activities[122]. 

The shoulder elevation movements were simulated in the coronal (i.e., plane of 

elevation 0º, Figure 3-2(A)), and scapular planes (i.e., plane of elevation 30º, Figure 3-2-

2(B)) for the two targets, one placed at shoulder height and one above shoulder height. 

The target positions during elevation were selected such that they can be reached with 

the elbow extended. For the lateral (Figure 3-2 (C)) and forward reaching (Figure 3-2 

(D)) movements, the hand moved from an initial position alongside the body to target 

positions in front of the model at above shoulder- and shoulder-height levels. For the 

forward reaching movements, the above-shoulder target was located 25 cm superior and 

45 cm anterior to the GH joint center, and shoulder-height target was located 50 cm 

anterior and at the same height as GH joint center. For the lateral reaching movements, 

the targets were shifted 15 cm lateral to the GH joint. 

The movement planning for the simulated functional tasks was encoded based 

on equation (10), where the hand’s center of mass (i.e., end-limb) tracks the desired 

positional trajectory kinematics with three DOFs as the command input. We locked the 

wrist joint during all the simulations while the other five DOFs were set free, 

guaranteeing kinematic redundancy. Table 3-1 includes the initial angles as well as the 

lock/unlock status of the model’s DOFs during the simulated movements.  
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Figure 3-2. Select functional shoulder movements. Shoulder elevation in the coronal plane 

(A), and scapular plane (B), lateral reaching (C), and forward reaching (D) movements. 

Simulations were performed at two targets positions for each of the above movements. For the 

elevation movements, targets were placed at the shoulder height and above shoulder height such 

that they can be reached by fully extended elbow. For the lateral and forward reaching 

movements, targets were closer to the body and can be reached with flexed elbow. 
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Table 3-1 Initial angles and the joint lock/unlock status for the simulated functional tasks. 

Functional 

tasks 

Initial angles 
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The hand’s desired trajectory was decoded based on a fifth-order polynomial 

function to minimize jerk between the initial and target positions [123, 124]. Such a 

function also produces bell-shaped velocity profiles that are commonly observed for 

voluntary point-to-point arm movements. The derivative and proportional gain matrices 

were set to 𝑘𝑝 = 100 and 𝑘𝑑 = 20. We did not consider a command joint acceleration for 

the null space control as in equation (11) and set 𝝉𝑝 = 𝐾𝑑𝑞̇ − 𝝉𝑒𝑥𝑡 with 𝐾𝑑 = −0.25 . The 

external torque 𝝉𝑒𝑥𝑡 is the modeled gravity-compensating assistive torque, which was 

estimated using equation (15). Each of the select functional tasks consists of 

advancement and retreat phases. During the advancement phase, the hand moves from 

its initial position to a target position while during the retreat phase it returns to the initial 

position. The duration of each simulated task was estimated by dividing the hand-to-

target distance over the mean target-approaching velocity for the able-bodied 

participants reported in [121]. The advancement and retract phases had the same 

execution time, with a 500-millisecond interval between them when the hand was held at 

the target. 

Data analysis 

Hand Kinematics 

The proposed task-posture controller assumes that the control of the assistive 

torque takes place in the posture space (i.e., null space) of the task, where the 

acceleration generated by the assistive torque should not interfere with the acceleration 

of the hand positional task. Thus, we tracked the position of the hand’s center-of-mass 

(COM) in 3-dimensional (3-D) space during the simulations. Then, for each assistance 

level, we calculated the variability in hand position across the eight simulated tasks. To 

calculate the hand position variability, we resampled the simulations with different 

assistance levels to the same number of points for every task, and used following 

equation: 

Position⁡Variability = ⁡
1

𝑛
∑‖𝒙𝑘,𝑖 − 𝒙0,𝑖‖2

𝑛

𝑖=1

⁡ (16) 

where 𝑘 and 𝑖 represent the assistance level and resampled point number, respectively. 

𝑛 is the total number of resampled points for every task, and 0 subscript stands for the 
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no-assistance level simulations. ‖⁡‖2 shows the Euclidean norm. It is expected that the 

hand position variability should not increase for an optimal level of assistance. 

Muscular Response Efficiency  

During dynamic or quasi-static tasks, the involved muscles can have a load-

bearing or fine-tuning contribution depending on whether they lengthen or shorten [103]. 

To compare the muscular activity across the assistance levels, we computed the total 

muscle effort rate and efficiency. The total muscle effort rate, 𝐸̇𝑡𝑜𝑡𝑎𝑙, was defined as the 

sum of the individual muscle output calculated based on equation (17). 

𝐸̇𝑡𝑜𝑡𝑎𝑙 = ∑
1

𝑇𝑓 − 𝑇𝑠
∫ 𝑎𝑖

2𝑑𝑡
𝑇𝑓

𝑇𝑠

𝑛𝑚

𝑖=1

 (17) 

𝑇𝑠 and 𝑇𝑓 are the start and finish times of each simulated task, 𝑎𝑖 is the muscle activation 

estimated in (13), and 𝑛𝑚 is the number of shoulder muscles. The included shoulder 

muscles were anterior, middle, posterior deltoids, supraspinatus, infraspinatus, 

subscapularis, teres major and minor, pectoralis major, latissimus dorsi, 

coracobrachialis, triceps brachii, and biceps brachii. To quantify the muscular response 

efficiency, we first categorized the shoulder muscles as being either agonist or 

antagonist during each phase of the simulated tasks based on whether their fiber length 

was shortening or lengthening. The categorization was performed for the no-assistance 

trials and assumed to stay the same across assistance levels. Our anticipation is that the 

gravity-compensating assistive torque will result in decreased activation of both agonist 

and antagonist muscles, as it aligns with the purpose of these muscles to generate 

torque in order to counteract the gravity force. However, the decreasing trend for the 

antagonist muscles is expected to be limited since they have a fine-tuning function to 

provide stiffness for the shoulder joint and decelerate the arm. Therefore, depending on 

the task type, with an optimal level of assistive torque, the synergistic function of 

agnostic-antagonist muscles is expected to be most efficient, indicated by a maximum 

reduction in their activations.  Therefore, the efficiency was defined as: 

Efficiency = |⁡1 −
𝐸̇𝑎𝑛𝑡𝑎𝑔

𝐸̇𝑡𝑜𝑡𝑎𝑙

| ∗ 100 = ⁡ |⁡
𝐸̇𝑎𝑔𝑜𝑛

𝐸̇𝑡𝑜𝑡𝑎𝑙

| ∗ 100 (18) 
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where 𝐸̇𝑎𝑛𝑡𝑎𝑔  and 𝐸̇𝑎𝑔𝑜𝑛 are the total muscle effort rate for the antagonistic and 

agonistic shoulder muscles, respectively.  

GH stability  

We used the joint reaction analysis tool in OpenSim to estimate the GH joint 

contact forces  [125, 126] during the simulated tasks. To determine the spatial 

orientation of the glenoid fossa, we placed extra markers around the center of the 

glenoid fossa in the musculoskeletal model and used their cartesian coordinates to 

construct a local cartesian coordinate system aligned with and centered at the glenoid 

rim. This enabled us to transform the estimated contact forces to the anatomical 

coordinate system of the glenoid fossa (Figure 3-3) at each time instant and compute the 

compressive and shear forces at the GH joint. The compressive component pushes the 

humeral head into the glenoid concavity while the shear components in the superior-

inferior (SI) and anterior-posterior (AP) directions destabilize the joint by causing the 

humeral head to translate away from the center of the glenoid fossa [127]. In this study, 

we calculated the ratio of SI and AP shear forces to the compressive force as 𝜃𝑆𝐼 and 

𝜙𝐴𝑃, respectively, and quantified the GH joint stability as: 

𝐺𝐻𝑠𝑡𝑎𝑏𝑖𝑙𝑖𝑡𝑦 = (
𝜃𝑆𝐼

𝜃𝑔𝑙𝑒𝑛𝑜𝑖𝑑
)

2

+ (
𝜙𝐴𝑃

Φ𝑔𝑒𝑙𝑛𝑜𝑖𝑑
)

2

 (19) 

 

Equation (19) estimates the glenoid rim as an ellipse whose width and height are 

28.4 mm in the AP direction and 36.6 mm in the SI direction, respectively [128]. 𝜃𝑔𝑙𝑒𝑛𝑜𝑖𝑑 

and Φ𝑔𝑒𝑙𝑛𝑜𝑖𝑑 are the maximum angles that the GH joint contact force can have in the SI 

and AP direction, respectively. For 𝐺𝐻𝑠𝑡𝑎𝑏𝑖𝑙𝑖𝑡𝑦 > 1,  when the resultant GH joint contact 

force points outside of the glenoid rim, the GH joint is considered unstable; conversely, 

for 𝐺𝐻𝑠𝑡𝑎𝑏𝑖𝑙𝑖𝑡𝑦 < 1 , when the resultant GH joint contact force points within the glenoid 

rim, the GH joint is considered stable. The 𝐺𝐻𝑠𝑡𝑎𝑏𝑖𝑙𝑖𝑡𝑦 was calculated at each sampling 

point for all the tasks. 
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Figure 3-3. Glenohumeral joint stability. Contact forces at GH joint were transformed to the 

glenoid fossa, which is represented as an ellipse, and decomposed into compressive and shear 

forces in superior-inferior (SI) and anterior- posterior (AP) directions. The ratio of SI and AP shear 

forces to the compressive force were then calculated as 𝜃𝑆𝐼 and 𝜙𝐴𝑃 angles and used to 

determine the GH joint stability.  
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Results 

Hand Kinematics 

The level of assistance directly affected the variability of the hand position across 

the simulated tasks. Figure 3-4 shows an example of the components of the hand 

trajectory for coronal elevation to a target placed above shoulder-height for the no-

assistance and 40% assistance trials. Across all tasks, as the assistance level increased 

from 10% to 40%, the hand variability almost doubled and surpassed 10 cm (Figure 3-5). 

The variability continued to increase beyond an assistance level of 40%, indicating 

dynamic instability for the hand in the simulated shoulder tasks. Dynamic instability can 

be defined as the inability of the upper limb model to closely track the desired hand 

trajectory resulting in lack of precision in task execution [129]. Figure 3-6 further 

highlights this instability, showing that the resultant hand COM trajectory deviates from 

the desired trajectory for assistance levels beyond 40%. 

The model performed well in terms of following the desired trajectory during the 

acceleration phase at assistance levels below 50% (Figure 3-6). However, as the phase 

progressed to the deceleration part, there was an increasing deviation from the desired 

trajectory. At assistance levels of 50% and higher, the model exhibited higher 

divergence from the desired trajectory, resulting in an unstable hand trajectory for the 

entire simulation. It's worth noting that the initial position of the hand COM moved further 

away from the body when the assistance level was set at 50% and higher. 

Muscular Response Efficiency 

The simulation results confirmed that the level of assistance torque affects the 

total effort rate during simulated tasks. In general, an initial decrease in the total effort 

rate was observed as the level of assistance increased. However, the downward trend 

bottoms out within the 20%-30% range of assistance. A visual representation of this 

trend is presented by a heatmap, Figure 3-7. The row of the heatmap shows the scaled 

total effort rate across the assistance levels for each simulated task. As the assistance 

level increases beyond 30%, the total effort becomes larger. Notably, the lateral and 

forward reaching movements to the shoulder level target deviated from this trend, as 

their total effort rate increased when the assistance level exceeded 10%.  



 

73 

 

 

Figure 3-4. Hand position variability. (A) Hand COM trajectory components for the no-

assistance (solid lines) and 40% assistance (dashed lines) trials when shoulder elevation to the 

above-shoulder target is simulated in the coronal plane. (B) The shaded area between the solid 

and dashed curves shows the resultant deviations across the movement cycles for the no-

assistance and 40% assistance simulations. (C) The musculoskeletal model and 3D trajectory of 

the hand COM for the no-assistance (solid curve) and 40% assistance (dashed curve) 

simulations. 
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Figure 3-5. Hand position variability vs. assistance level for the simulated shoulder tasks. 

The bars and error bars show the mean the standard error of the end-point variability across the 

shoulder tasks.  
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Figure 3-6. Hand resultant position for the scapular elevation to an above shoulder target. 

For assistance levels above 40%, the hand COM trajectory shows higher divergence, less 

precision, and dynamic instability.  
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Figure 3-7. Total muscular effort rate for the simulated shoulder tasks. The sum of the effort 

rate of the shoulder muscles across the assistance levels was scaled to [0, 1]. Light color cells 

show less effort rate and darker ones show higher effort rate for the simulated task. 
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Efficiency, as defined in (18), ranged from 45% to 57% across all assistance 

levels (Figure 3-8). A large decrease in efficiency was observed for assistance levels 

greater than 20% compared to the no-assistance condition. Specifically, the average 

efficiency decreased from 54.10% to 51.81% with an increase in assistance torque from 

20% to 30%. However, for assistance levels higher than 30%, efficiency remained 

consistently below 54.11%, without a clear trend. 

GH stability 

As can be seen in Figure 3-9, the median and variability of 𝐺𝐻𝑠𝑡𝑎𝑏𝑖𝑙𝑖𝑡𝑦 remained 

below one across all assistance levels. This suggests that the stability of the GH joint 

was mostly maintained across simulations, and that the resulting contact force at the GH 

joint was oriented within the glenoid rim. Between assistance levels of 10% and 30%, 

the median showed a slight decrease, while the interquartile and upper quartile ranges 

and the peak of the upper quartile increased compared to the no-assistance condition. 

At assistance levels of 40% or higher, the median and the magnitude and number of 

outliers generally increased with assistance level.  

Figure 3-10 depicts the overlay of the AP and SI components of GH joint contact 

forces on the glenoid fossa for the lateral reaching task as an example. Consistent with 

the findings presented in Figure 3-9, the projected points onto the glenoid rim spread 

over a larger trace as the assistance level increases up to 30%. However, when 

considering assistance levels greater than 40%, there is a noticeable difference in the 

spread or distribution of the projected points compared to the spread observed for 

assistance levels below 40%. 

Discussion 

Identifying an optimal anti-gravity assistance level or range of levels for passive 

shoulder exoskeletons can potentially improve muscular efficiency while minimizing the 

undesirable effects on the user [36, 53, 82]. In this study, we leveraged the task space 

framework from robotics [130-132] to perform neuromusculoskeletal modeling and 

simulations to explore and identify an optimal assistance level for select functional 

shoulder movements. The simulated dynamic shoulder movements involved elevations 

in both the coronal and scapular planes, as well as forward and lateral reaching motions. 

These movements were simulated for two distinct hand target positions, one located at  
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Figure 3-8. Mean efficiency ± standard error across the simulated task. The estimated 

efficiency reduces when assistance level is higher than 20%.  
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Figure 3-9. Box plot showing glenohumeral stability index vs. assistance level. The error 

bars show the standard error within the simulated tasks. For GHStability < 1, the GH joint is 

considered stable. 
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Figure 3-10. Projection of the glenohumeral contact force of the lateral reaching task onto 

the glenoid fossa for different assistance levels.  The shape of the glenoid fossa was 

represented as an oval and the projection points were estimated using the ratio of the AP and SI 

components to the compressive component. The projected points are plotted every 20ms. 
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shoulder height and the other above it. Our simulation results demonstrated that, overall, 

an assistance level above 40% of the maximum gravity torque at the shoulder joint 

(defined above) can be associated with undesired negative effects during the simulated 

dynamic arm movements. These included greater end-limb (i.e., hand) movement 

variability, greater total muscle effort rate, less efficiency, and compromised GH stability 

and alignment.  

The level of anti-gravity assistance applied to the shoulder joint can negatively 

impact the hand (i.e., end-limb) kinematics and dynamic stability [39]. The results 

obtained from our predictive task space framework indicate that the ability of the upper 

limb model to accurately track the desired hand trajectory decreases as the amount of 

anti-gravity assistive torque at the shoulder joint increases. This eventually led to higher 

amounts of divergence from the desired trajectory, and therefore hand dynamic 

instability, when assistance level was above 40%. This observation is consistent with 

studies on the use of the passive shoulder exoskeletons for overhead tasks, which 

reported higher errors and reduced quality for tasks that demanded higher precision like 

overhead drilling [39, 133]. Similarly, studies of robot-assisted rehabilitation for reaching 

movements reported performance degradation and higher endpoint error with increase 

in assistive force [134].  

The simulated arm movements involved five DOFs of the upper extremity (Table 

2-3), which is greater than the number of DOFs required for the 3-D positioning of the 

hand in the task space. This kinematic redundancy enables the task-posture controller to 

effectively decompose the generalized torques into two decoupled torque vectors that 

correspond to the desired hand trajectory and the arm posture [108, 130]. This 

decoupling prevents the torques, which are responsible for generating arm postural 

behaviors, from causing accelerations towards the end-limb task. However, at the 

muscle level, there are physiological limitations in muscular force generation that may 

impede the ability of the muscles to meet the kinetic demands of the task-posture control 

[135]. This potentially explains (1) the arm instability and end-limb divergence from the 

desired trajectory for high levels of assistive torque and (2) why the onset of hand 

resultant deviation in 3-D space was primarily coincident with the hand transition from 

acceleration to deceleration during the advancement phase (Figure 3-6).  
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Our results supported our hypothesis that there is an optimal assistance level for 

which the total shoulder muscle effort rate and efficiency are minimized. Previous 

studies provide evidence for the existence of an optimal assistance level for a passive 

ankle exoskeleton based on metabolic cost [136] and for assisted elbow 

flexion/extension movements based on muscular efficiency [103, 104]. In general, the 

optimal assistance level appears to be one that balances decreased activations of 

agonist muscles with increased activations of antagonist muscles. We used total muscle 

effort rate [65] and efficiency [104] to account for this balance. Our findings suggest that, 

for most of the simulated dynamic tasks, an assistance level of 10-30% minimized the 

total muscle effort rate and maximized efficiency. These results are consistent with 

previous studies that evaluated passive shoulder exoskeletons, such as WPCSE [82] 

and Exo4Work  [36] , in which the maximum assistance torque was set to approximately 

30% of the maximum shoulder gravity torque.  

Interestingly, our results (Figure 3-8) indicated that, for reaching movements 

toward a shoulder-height target, an assistance level lower than 30% may be optimal, 

implying that the optimal level of assistance can be task-dependent. However, the 

assistance torque provided by some other commercially available passive overhead 

exoskeletons is closer to 50%  [38] of the estimated gravity torque. This discrepancy may 

be attributed to the fact that commercial exoskeletons are primarily intended for use in 

static and quasi-static overhead tasks, while our simulated tasks involved dynamic 

overhead and shoulder-height reaching movements. Another potential explanation for 

this difference could be related to the fact that many experimental studies primarily 

employ surface electrodes to measure the electromyographic (EMG) activity of the 

shoulder muscles. This can limit their assessment of muscular effort to only the 

superficial muscles and not all the muscles spanning the shoulder joint.  

Our study also revealed that high assistance, i.e., beyond 50% for the simulated 

tasks, might reduce efficiency. This is consistent with previous studies on assistance of 

single-joint movements, where increasing assistance force beyond an optimal level 

reduced the efficiency of the muscular response [103, 104, 137]. The provision of 

shoulder assistance during dynamic or quasi-static tasks can impact the activity of both 

agonist and antagonist muscle pairs [36, 37, 65, 82]. High levels of gravity-compensating 

torque have been shown to significantly decrease the activity of shoulder flexor muscles 
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that mainly function to counteract gravity torque (i.e., load bearing muscles). However, 

the activity of the antagonist muscles, which are essential for joint stabilization and 

deceleration (i.e., fine-tuning muscles), does not necessarily decrease [36]. Studies have 

also reported that, in instances where the timing of a perturbing, high force is 

predictable, individuals tend to voluntarily increase the activation of their muscles in an 

attempt to stiffen their joint [137, 138].  Therefore, to deliver a higher efficiency, an 

optimal assistance level should not interfere with the synergistic activation of agonist and 

antagonist muscle pairs. 

Shoulder exoskeletons should be designed to ensure the stability of the GH joint. 

Our study showed that the glenohumeral joint stability and alignment can be negatively 

influenced by high levels of shoulder assistance. The GH joint is a ball-and-socket joint 

that has an inherently unstable structure since the glenoid “socket” does not sufficiently 

surround the humeral head [1]. The bones, joint capsule [139], and ligaments [140] 

contribute most to the static stability of the GH joint [141]. The GH stability during 

dynamic movements, however, highly depends on the muscles surrounding the joint 

[141-143]. GH stability is maintained by ensuring that the resultant bone-on-bone joint 

contact force between the humerus and scapula is oriented within the boundary of the 

glenoid rim [141, 144]. Our results showed that, with increasing assistance level, the 

resultant GH joint contact force advanced closer to the edge of the glenoid rim and, 

therefore, the GH joint became less stable. Such instances of heightened instability and 

joint misalignment could eventually lead to injury and joint degeneration [145, 146]. 

Our simulation-based study had some limitations. First, we employed an ideal 

sinusoidal assistive torque to model the external assistive force/torque of a passive 

exoskeleton worn by the user. This approach, while simple, allows for generalizability of 

the results to a range of passive shoulder exoskeletons with differing designs. 

Nevertheless, in the future, including a model of an exoskeleton with inertial and other 

dynamic (e.g., damping) properties could provide more insightful and realistic outcomes. 

A second limitation of our study was that our simulations only explored dynamic reaching 

and elevating arm movements with fixed initial angles, thereby only capturing a limited 

subset of possible shoulder movements. To obtain a more comprehensive 

understanding of user-exoskeleton interaction, future studies should include a larger 

number of static, quasi-static, and dynamic movements that are representative of the 
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wide range of tasks for which exoskeletons may be used. A third limitation of our study 

was the use of a fixed movement speed across all simulated tasks. It is important to note 

that movement speed plays a crucial role in the net torque generated at the shoulder 

joint during dynamic tasks, thereby affecting the level of muscular activity and demand 

[133]. Research in gait studies has indicated that the optimal exoskeleton stiffness level 

(comparable to gravity compensation level) that minimizes steady-state metabolic 

demand is higher at faster walking speeds [147]. This implies that different optimal 

assistance levels may be required for movements of varying speeds. Therefore, future 

studies should consider simulating arm movements at various speeds and explore the 

potential relationship between the assistance levels and movement speed. 

Conclusion 

In summary, the present study demonstrated the feasibility of using a robotics-

based task-posture control framework to simulate goal-directed upper limb movements 

with external assistance.  The dynamic task-posture decomposition enabled the 

execution of the goal-oriented movement in the task space while the assistance was 

provided in the posture space. Our study suggested that there may be an optimal level 

of anti-gravity assistance for passive shoulder exoskeletons depending on the types of 

movements or tasks that they are intended to support. This optimal level of assistance 

minimizes the user muscular effort rate and achieves a more efficient muscular response 

without compromising joint stability and limb kinematics. Specifically, our results indicate 

that for dynamic forward and lateral reaching movements and shoulder elevations in the 

frontal and scapular planes, an optimal assistance level lies within the range of 20-30% 

of the maximum gravity torque at the shoulder joint. However, future studies should 

explore a wider variety of movements with varying speeds to investigate the relationship 

between the level of assistance and movement speed.    
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CHAPTER 4 : DEVELOPING A REALISTIC MODEL OF FORCE-

IMPEDANCE CONTROL FOR UPPER LIMB MOVEMENTS 

  



 

86 
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M. Asgari and D. L. Crouch, "Estimating Human Upper Limb Impedance Parameters 

From a State-of-the-Art Computational Neuromusculoskeletal Model," 2021 43rd Annual 

International Conference of the IEEE Engineering in Medicine & Biology Society 

(EMBC), 2021, pp. 4820-4823, doi: 10.1109/EMBC46164.2021.9630074. 

Section 4-1: A Computational Approach to Estimate Human Upper Limb 

Impedance Parameters  

Abstract 

The human neuro-musculoskeletal system constantly deploys passive (e.g., 

posture adjustment) and active (e.g., muscle co-contraction) control strategies to 

regulate upper limb impedance and stability while interacting with the outside world. 

Upper limb impedance has been assessed through in vivo experiments and model-

based simulations. The experiments are practically limited to small samples of able-

bodied subjects and few limb postures, and model-based approaches have mostly used 

simplified arm models. Our objective was to develop and validate a computational 

approach to estimate upper limb impedance parameters - stiffness, viscosity, and inertia 

- at the endpoint (i.e., hand) using a neuromusculoskeletal model with a realistic 

geometry. We added a planar manipulandum to an existing upper limb model 

implemented in OpenSim (version 3.3) and used contact modeling to attach the 

manipulandum’s handle to the musculoskeletal model's hand. The hand was placed at 

several locations lateral to the shoulder joint along anterior/posterior and medial/lateral 

axes. At each location, during forward dynamics simulations, the manipulandum applied 

small perturbations to the hand in eight different directions. The spatial variation of the 

computed, model-based impedance parameters was similar to that of experimentally 

measured impedance parameters. However, the overall size of the stiffness and 

viscosity components was larger in the model than from experiments. 

Clinical Relevance— Our preliminary results suggest that computational 

modeling and simulations can be used to estimate upper limb impedance properties to 

complement and overcome the limitations of experiments. The computational approach 
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could ultimately inform new interventions and devices to restore limb stability in people 

with shoulder disabilities. 

Introduction 

The mechanical impedance of the human upper limb describes the limb's ability 

to resist moving when it is displaced from an equilibrium position [148], [149]. It is well-

established that the human neuro-musculoskeletal system regulates limb impedance 

both passively (e.g., posture) and actively (e.g., muscle contraction) to maintain stability 

while manipulating objects and interacting with the environment [150]. There are many 

common orthopedic (e.g., rotator cuff tear) [151] or neurological (e.g., stroke) injuries 

that often lead to devastating shoulder disability. There is evidence that such disability 

can impair the passive and active mechanisms of the neuro-musculoskeletal system for 

impedance modulation, destabilizing the shoulder joint and hand position [152]. 

Impedance can be characterized by physical parameters stiffness, viscosity, and 

inertia from engineering dynamics [149]. The stiffness and viscosity components 

originate from the properties of the musculoskeletal system's passive and active tissues 

and can be further regulated by changing levels of muscle activation and co-activation. 

However, the inertia only depends on the arm posture and physical properties of the 

upper limb, like mass and length [153]. The standard technique to identify the 

impedance parameters is to build a second-order linear model from the experimental 

hand force field data [153], [154]. The hand force field describes the relation between 

displacements and restoring forces when the hand is perturbed about a given 

equilibrium position. Perturbations are typically applied to the hand by a planar robotic 

manipulandum. Impedance can be estimated either at the endpoint (i.e., hand) or at the 

joint level (i.e., shoulder and elbow) [150]. 

Impedance has been measured experimentally or estimated computationally. 

Due to practical reasons, experimental studies have limited testing to small numbers of 

able-bodied subjects (due to risk of injury to people with disability), trials (due to subject 

fatigue), and limb postures. At the same time, model-based studies have mainly used 

simplified models (e.g., with a few numbers of muscles) [155] or only estimated the 

stiffness parameter using muscle short-range stiffness modeling [156]. These limitations 

prevent full understanding of how the neuro-musculoskeletal system regulates 
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impedance over the entire upper limb workspace under healthy and impaired conditions. 

Addressing this knowledge gap would inform new interventions and devices to help 

regulate impedance and restore limb stability in people with shoulder disability.  

Computational approaches and simulations with use of more realistic 

musculoskeletal models can complement and overcome the limitations of current studies 

to more fully characterize the impedance properties of the upper limb. Thus, the overall 

objective of the proposed project was to develop a computational approach using an 

upper limb neuromusculoskeletal model with realistic geometry to estimate upper limb 

impedance parameters and validate the computational impedance results against 

published experimental results. 

Methods 

Modelling the musculoskeletal-manipulandum system  

Our strategy in this preliminary study was to replicate a typical experiment set-up 

[153]. We added a planar two-joint manipulandum to an existing upper limb 

musculoskeletal model [105] implemented in OpenSim (version 3.3) [157]. The upper 

extremity model had 7 degrees of freedom, with three describing the shoulder 

kinematics and four describing the elbow and wrist kinematics. The model geometry is 

defined based on a 50th percentile male population's anthropometric data and contains 

fifty Hill-type muscle-tendon units crossing shoulder, elbow, and wrist joints. The 

manipulandum consisted of two rigid cylindrical links and massless torque actuators. 

The links have lengths of 0.30 and 0.25 𝑚 and moments of inertia of 0.0037 and 0.0013 

𝐾𝑔.𝑚2, respectively. The inertia of the manipulandum (i.e., mass matrix) was designed 

to be smaller than the model's arm to minimize the effect of nonlinear dynamic forces on 

the arm movements. The torque actuators were placed at the manipulandum joints to 

apply torques about the z-axis in the global coordinate system (Figure 4-1). The 

manipulandum included a handle (i.e., end-effector) whose centroid point along the z-

axis was aligned with the shoulder along the z-axis. 



 

89 

 

 

Figure 4-1. Musculoskeletal-manipulandum model. A) The arrows show the eight 

directions of perturbations applied to the hand. B) The meshed geometry of the handle 

was surrounded with three meshed disc geometries to represent the hand grip. The 

humerus trochlea was constrained to move on the horizontal plane.  
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We used contact modeling to attach the handle to the model's hand using 

OpenSim's elastic foundation algorithm. To resemble the fingers’ grip around the handle, 

the meshed geometry of the handle was placed inside three meshed disk geometries. 

Contact parameters of stiffness and dissipation were set, respectively, to 25x106 (N/m) 

and 0.4 Ns/m.  Other coefficients of static, dynamic, and viscous friction were also 

defined based on Savescu’s work [158].  

A linear PD controller placed the handle in any desired position across the limb's 

reachable workspace and applied external perturbations to the hand (Figure 4-1. 

Musculoskeletal-manipulandum model. A) The arrows show the eight directions of 

perturbations applied to the hand. B) The meshed geometry of the handle was 

surrounded with three meshed disc geometries to represent the hand grip. The humerus 

trochlea was constrained to move on the horizontal plane. (A)). We used the following 

control law to determine the torque vector required to navigate the handle position: 

𝜏⁡ = 𝐽(𝑞)𝑇[𝐾𝑚(𝑋𝑑 − 𝑋) − 𝐵𝑚𝑋̇] (1) 

where 𝜏 is the torque vector; 𝐽(𝑞) is the Jacobian matrix defining the handle cartesian 

displacement from the manipulandum joint angles 𝑞; 𝐾𝑚 and 𝐵𝑚 represent the 

manipulandum stiffness and viscosity matrices, respectively;  𝑋𝑑 is the desired position; 

𝑋 and 𝑋̇ show the current position and velocity vectors of the handle. In this study, we 

fine-tuned the stiffness and viscosity matrices as: 

𝐾𝑚 = [
400𝑔 0

0 400𝑔
] (𝑁/𝑚), ⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡⁡𝐵𝑚 = [

150𝑔 0
0 150𝑔

]⁡(𝑁𝑠/𝑚) 

where 𝑔 is the gravitational constant. 

Forward dynamics 

Though the upper limb was supported against gravity during experiments, participants 

may have had to actively hold their upper limb in the desired static posture while holding 

the manipulandum’s handle. Thus, we used computed muscle control (CMC) to compute 

the steady-state muscle excitations required to hold the upper limb in a static posture at 

each of the handle’s starting points. During CMC, the gravity field was set to zero. We 

assumed that changes in muscle excitations caused by the small hand perturbations 

during the experiment were negligible; thus, the steady-state muscle excitations were 
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applied to the respective muscles at corresponding handle starting points throughout 

forward dynamics simulations.  

At the start of each forward dynamics simulation, the manipulandum’s handle 

(with hand attached) was moved to the starting point using the feedback control law (Eq. 

1). Given the model’s limited workspace in which muscle-tendon moment arms were 

previously validated [105], we chose starting points that were lateral to the shoulder joint. 

Eight equally spaced starting points (5 cm apart) were 33 cm anterior to the shoulder 

joint and from 3 to 48 cm along the x-axis (medial/lateral direction). Another eight equally 

spaced starting points were 23 cm lateral to the shoulder and from 13 to 48 cm along the 

y-axis (anterior/posterior).  

Once at the starting point, the manipulandum perturbed the hand in eight 

different directions. To ensure that the model's hand and manipulandum handle were at 

rest, perturbations were applied first at 3 s after reaching the starting point then every 

0.6 s thereafter. During perturbations, the wrist joint movement was limited by a 

rotational bushing force to mimic typical bracing used in experiments. Since participants’ 

upper limbs were supported against gravity during experiments, the movement of the 

distal point of the humerus was constrained to only move in the horizontal plane at 

shoulder level (Figure 4-1 (B)) and the gravitational acceleration was set to zero. We set 

the perturbation amplitude and duration to 2 mm and 1.2 s, respectively. Handle 

displacements and restoring forces (i.e., contact forces) were recorded during 

simulations.   

Arm endpoint stiffness estimation 

To estimate the hand impedance parameters, we regressed a second-order 

linear model (Eq. 2) to the simulated force field similar to the earlier studies [152, 153]. 

𝑴𝑑𝑋̈(𝑡) + 𝑩𝑑𝑋̇(𝑡) + 𝑲𝑑𝑋(𝑡) = −𝑑𝐹(𝑡)⁡ (2) 

where 𝑴, 𝑩, and 𝑲 are inertial, viscosity, and stiffness matrices of the hand impedance, 

respectively; 𝑑𝑋̈(𝑡), 𝑑𝑋̇(𝑡), and 𝑑𝑋(𝑡) display, in order, the change in vectors of 

acceleration, velocity, and displacement of the handle, and 𝑑𝐹(𝑡)⁡is the change in 

restoring forces from perturbation onset. Handle acceleration and velocity were 

computed by taking second- and first-order derivatives from displacements. We wrote 
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the impedance matrices of  𝑴, 𝑩, and 𝑲 as the sum of a symmetric and an 

antisymmetric matrix. The symmetric and antisymmetric components define, 

respectively, the conservative and non-conservative parts of the hand force field (i.e., the 

relation of hand restoring forces to displacements). We visualized the conservative force 

field with graphical ellipses whose size, principal semi-axes (i.e., shape), and orientation 

are defined based on the determinant, eigenvalues, and eigenvectors of the symmetric 

impedance matrices, respectively. Each ellipse depicts the locus of restoring forces for 

hand perturbations in every direction by order of one unit (e.g., 1 m displacement for the 

stiffness). Thus, ellipses with a larger area (i.e., size) represent higher restoring forces at 

limb posture, and the ellipse's major and minor axes determine the values and directions 

of the highest and lowest restoring forces, respectively. 

Results and Discussion 

Figure 4-2 shows the typical handle displacements and restoring forces for 

perturbations along the y-axis from one starting point. Figure 4-3 and Figure 4-4 

represent the ellipses of the estimated hand stiffness, viscosity, and inertia for starting 

points along the medial/lateral and anterior/posterior directions, respectively.  At more 

medial and posterior starting points, the stiffness ellipses had lower eccentricity (Figure 

4-3(A), Figure 4-4(A)) and the major axis orientation (i.e., high stiffness direction) 

changed towards the shoulder joint. For more extreme hand positions, the stiffness 

ellipses were mainly elongated in the major axis direction, but for medial/posterior 

positions, the stiffness ellipses became wider.  

This confirmed that hand restoring forces were higher and more isotropic for 

postures that are more central and proximal to the shoulder joint, consistent with results 

from Tsuji [153]and  Mussa-Ivaldi [148]. However, the overall size of our stiffness 

ellipses is larger than the values reported in [153] but smaller than the ones reported in 

[148].  The observed spatial pattern for stiffness ellipses is most likely due to increasing 

passive forces of biarticular muscles (e.g., triceps long head) and higher muscles 

activation at higher elbow flexion and shoulder horizontal adduction angles. Although 

CMC accounts for a minimum extent of muscle co-contraction, which might work for 

involuntary holding postures in our study, we still might have underestimated the level of 

co-contractions for agnostic/antagonistic muscles.   
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Figure 4-2. Sample handle displacements in x (A) and y directions (B) with corresponding 

restoring forces in x (C) and y directions (D) for a perturbation in y-axis. 
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Figure 4-3. Estimated Stiffness (A), Viscosity (B), and Inertia ellipses (C) when hand displaced in 

the medial/lateral direction. 
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Figure 4-4. Estimated stiffness (A), Viscosity (B), and Inertia ellipses (C) for lateral hand positions 

when moved in the anterior/posterior direction. 
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The spatial pattern of the viscosity ellipses was similar to that of the stiffness 

ellipses, consistent with experimental results [153], [154]. The major axis of viscosity 

was aligned more towards the shoulder joint (Figure 4-3(B), Figure 4-4(B)), reflecting 

that the largest restoring forces against the speed occurred in the radial direction of the 

shoulder joint. The eccentricity of viscosity ellipses decreased toward more medial and 

posterior starting points, consistent with experiments [153]. The size of our viscosity 

ellipses, however, was substantially larger compared to experimental results. We 

suspect that viscosity is likely most influenced by muscles force-velocity relationships, 

muscles damping ratios, and hand-handle interaction.  

The shape and orientation of the estimated inertia ellipses were well-matched 

with the experimental results. It is expected that the major axis of inertia ellipses will be 

nearly parallel with the distal segment of the limb (i.e., forearm/hand). This spatial 

pattern can be seen in Figure 4-3(C) and Figure 4-4(C) where the inertia ellipses rotated 

with the forearm/hand segment. To assess whether the estimated inertia ellipses were 

reasonable, we compared them to inertia ellipses computed for a two-joint arm whose 

links were cylindrical and have the same lengths and masses as the model’s upper arm 

and forearm/hand. Compared to the calculated inertia ellipses, the estimated ones had 

similar orientations and shapes but smaller eccentricity and size (Figure 4-5). From 

these observations, we can infer that our modeling approach under-estimated the 

restoring forces against the acceleration. 

Future Work & Conclusion 

Our preliminary results suggest that computational modeling and simulations can 

be used to estimate the arm impedance properties to complement and overcome the 

limitations of experimental and model-based studies. The results from the simulation 

were fairly consistent with experimental results as 1) the orientation of the stiffness and 

viscosity ellipses were toward the center of the glenohumeral joint; 2) the eccentricity of 

the stiffness and viscosity ellipses increased toward anterior and lateral extreme hand 

positions; 3) the inertia ellipses were nearly parallel to the forearm/hand segment. There 

were, however, differences in the sizes of the inertia and viscosity ellipses between our 

model and previous experiments. These differences may be due to unmodelled muscle 

co-contractions and stretch reflexes, oversimplification of muscles and ligaments in the 

model, and missing passive human body components such as skin, veins, and cartilage.  
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Figure 4-5. Estimated inertia from simulation vs. computed inertia from a simplified arm model 

with similar masses and lengths to that of the model’s arm. 
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In future studies, we will (1) refine the computational approach to predict experimental 

data more accurately and (2) identify how anatomical and biomechanical features 

influence upper limb impedance. 

Section 4-2: Three-dimensional computational musculoskeletal model for 

estimating force-impedance control during dynamic upper extremity movements  

Abstract 

The human neuro-musculoskeletal system has the ability to learn and adapt to 

new task dynamics, enhancing task performance and limb stability. This study aimed to 

develop and validate a realistic neuromusculoskeletal model of the upper limb capable of 

predicting stiffness modulation and motor adaptation to newly introduced environments 

and force fields. We employed an inverse task space dynamics approach with a 

multipriority task control framework for an existing upper limb model in OpenSim 

(Stanford, CA, USA). The task space controller was responsible for planning and 

executing muscle-driven goal-oriented movements for the arm while stabilizing these 

movements against disturbances. We performed simulations involving longitudinal and 

transverse reaching movements in a horizontal plane at the shoulder level and used the 

concept of short-range-stiffness to map the stiffness of muscle-tendon units onto end-

limb stiffness. Additionally, we studied motor adaptations for longitudinal reaching 

movements in presence of three position-based divergent force fields and a velocity-

dependent force field. Qualitatively, the proposed model and simulations accurately 

predicted previously reported, experimental end-limb stiffness properties. Our 

preliminary results indicated the potential of the proposed computational approach for 

estimating end-limb impedance parameters. Future studies should quantify the level of 

agreement between the model and experimental measurements for more upper 

extremity tasks. 

Introduction 

The neuromusculoskeletal systems stabilizes upper limb postures and 

movements when humans physically interact with the outside environment to manipulate 

or move objects [101, 159-161]. Studies show that such stabilization is only 

accomplished by controlling and modulating dynamic behavior (i.e., limb impedance) at 

the endpoint (i.e., hand) and joint levels [162, 163]. The endpoint impedance is usually 
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described by an equivalent second-order mass-damping-spring system that has inertia, 

viscosity, and stiffness components [150, 153, 160]. These components relate restoring 

forces (or torques) in response to external (or internal) perturbations and determine 

whether the performing task is stable or unstable [159]. For unstable interactions, the 

applied disturbances become amplified [101, 102]. Almost every interaction-free upper 

limb movement that we execute is stable as it tends to return to the reference trajectory 

when perturbed externally or by inherent variability [101]. However, tasks involving 

unknown environments (e.g., wearing an assistive device) or use of tools and objects 

(e.g., carving or drilling) are unstable and require further stabilizing strategies by the 

central nervous system (CNS) [101]. When exposed to a novel dynamic environment 

with associated uncertainties, the CNS adapts arm movements against the destabilizing 

forces by increasing the co-contracting of agonist-antagonist muscle pairs [101, 102]. 

This motor adaptation is shown to happen only after the CNS learns and develops an 

inverse dynamic model of the environment by repeatedly interacting with it [160, 164].  

A significant body of experimental studies has investigated how CNS regulates 

the shape, size, and orientation of the endpoint impedance during static postures [154, 

165, 166] and dynamic movements [101, 167-169]. Experiments performed on posture 

maintenance concluded that the neuromusculoskeletal system is only able to regulate 

the shape and orientation of the stiffness to some limited extent (i.e., 30º 

counterclockwise) [154, 165, 166]. Contrary to the stiffness, the viscosity and inertia 

were mostly similar across different levels of muscle co-contractions [167]. Hu et. al. 

used musculoskeletal modeling to postulate how this limitation in stiffness modulation 

can be associated with biomechanical constraints and task requirements [170]. For 

dynamic reaching movements, however, subjects were able, after learning, to arbitrarily 

adjust the size and orientation of their endpoint stiffness to compensate for the 

instabilities provoked by velocity-dependent and divergent force fields [101]. The 

adjustment was associated with an increase in stiffness in the direction of the instability, 

while stiffness remained unchanged in the orthogonal direction [102, 161]. Most of the 

above studies constrained the arm movements to a 2-dimensional (2D), horizontal 

workspace, and only a few studies have attempted to extend the above findings into the 

3D space [171]. This is partly due to the complex, multiple-joint, and kinematically 

redundant nature of 3D upper limb movements during which the CNS can independently 
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modulate the impedance parameters. Another reason is the complications with 

experimentally measuring the impedance, such as limitations in the number of testing 

movements, postures, and participants. 

  Computational musculoskeletal models and simulations can overcome the 

limitations of experiments and, thus, are powerful tools to predict and better understand 

how humans interact within a new environment [163, 172]. Hu et al. [156] used a short-

range-stiffness (SRS) muscle model and static optimization to characterize the arm 

endpoint stiffness at different levels of muscle co-contraction for stationary postures. 

Their model was later extended to estimate the endpoint stiffness during planar arm 

movements using a task space formulation [132, 173].  However, their methodology can 

be computationally expensive for 3D and multi DOFs models and cannot be used to 

predict motor adaptations [174]. On the other hand, Burdet et. al. [163, 172] proposed a 

simple, torque-driven, 2D model that could explain the force-impedance modulation and 

motor adaptations for arm postures and movements. They assumed that the joint 

stiffness was linearly related to the torques at the joints. This assumption was based on 

findings from experimental studies, which might not hold true for upper limb movements 

in 3D space [152]. Stochastic optimal control-based models account for the inherent 

sensorimotor noise while overcoming the pitfall of deterministic and energy-based 

minimization methods in modeling muscle co-contractions [175, 176]. However, these 

stochastic models are mainly based on simplified arm models and limited only to the 

horizontal movements.  

The objective of this study was to develop a realistic neuromusculoskeletal model 

of force-impedance modulation for the upper limb movements that can help predict the 

dynamic stiffness modulation as well as motor adaptation to the newly introduced 

environments and force fields, such as those applied by an assistive device. The model 

was developed in the task space framework where a multi-priority control scheme is 

applied to plan and execute muscle-driven goal-oriented movements for the hand while 

stabilizing the hand movements against disturbances. We validated our model by 

comparing estimates of the end-limb stiffness with experimental data for horizontal 

reaching movements for: 1) dynamic longitudinal and transverse reaching movements in 

a horizontal plane in a null force filed (NF), and 2) longitudinal reaching movements in a 

velocity-dependent force field (VF), and three divergent force fields (DF). 
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Methods 

The musculoskeletal model 

For our musculoskeletal simulations, we used an upper limb musculoskeletal 

model [105] implemented in OpenSim (version 4.1). The model consists of shoulder, 

elbow, and wrist joints that are spanned by fifty Hill-type muscle-tendon units. 

Task-level torque/motion controller 

The task space equation of motion (EOM) for a kinematically constrained 

dynamic plant with generalized coordinate vector 𝒒 ∈ ℝ𝑛 can be summarized as follows:  

Λ𝑐𝒙̈ + Λ𝑐𝐽𝑀𝐶
−1𝑃(ℎ(𝒒, 𝒒̇) + 𝝉𝑒𝑥𝑡) − Λ𝑐𝐽𝑀𝐶

−1𝐶𝑐𝒒̇ = 𝑭 (1) 

Λ𝑐 = (𝐽𝑀𝐶
−1𝑃𝐽𝑇)−1,  

𝑀𝑐 = 𝑃𝑀(𝒒)𝑃 + (𝐼 − 𝑃)𝑀(𝒒)(𝐼 − 𝑃),  

𝑃 = 𝐼 −⁡𝐽𝐶
+𝐽𝐶, and 𝐶 = −𝐽𝐶

+𝐽𝐶̇  

where 𝐽(𝒒) is the task Jacobian; ℎ(𝒒, 𝒒̇) ∈ ℝ𝑛 represents gravity, centripetal, and Coriolis 

forces; 𝑀(𝒒) ∈ ℝ𝑛×𝑛 is the mass matrix; 𝐽𝐶(𝒒) is the constraint Jacobian; and 𝑭 

represents task space forces. This formulation for the constrained inverse dynamics 

controller is based on the Aghilii method [113, 116] where the constraints forces get 

eliminated using an orthogonal projection operator 𝑃 (where + indicates the Moore-

Penrose pseudoinverse). The torque/motion controller law can be written as [107]: 

𝝉 = 𝐽𝑇𝑭 + (𝐼 − 𝐽𝑇𝐽𝑇
#
) 𝝉𝟎 (2) 

where 𝐽𝑇
#

= (𝐽𝑀𝐶
−1𝑃𝐽𝑇)−1𝐽𝑀𝐶

−1𝑃, and 𝝉𝟎 ∈ ℝ𝑛 is the initial posture torque vector. For 

such control law, the task space forces can be estimated from a desired task motion as 

the command input: 

𝒙̈ − 𝒙̈𝒅 + 𝑘𝑑(𝒙̇ − 𝒙̇𝒅) + 𝑘𝑝(𝒙 − 𝒙𝒅) = 0 (3) 

where 𝑘𝑑 and 𝑘𝑝 are positive-definitive gain matrices.  

This approach is fundamentally a torque-actuated controller that is statically and 

dynamically consistent [131]. This implies that the subtasks (i.e., posture control) never 



 

102 

 

generate forces and accelerations that interfere with the ones from the higher priority 

tasks (i.e., end-limb motion). With the net generalized torques estimated at each step for 

task/posture control, we computed the required muscle excitations by minimizing the 

muscular effort through static optimization. 

The terms on the right-hand-side (RHS) of equation (2) are mutually orthogonal 

as the first term is a subspace of the column space of matrix 𝐽𝑇, and the second term 

belongs to the null-space of 𝐽𝑇. DeSapio et. al. [130, 131] utilized the null-space 

projection to define a PD controller and a dissipative term to respectively minimize the 

muscular effort and oscillation for posture control. It is also common in the robotics 

community to leverage the null-space projection to perform two or more tasks 

simultaneously [118, 177, 178] for a redundant control plant (i.e., when there are more 

DOFs than necessary to execute a given task). This multipriority control is a well-

established framework to execute such simultaneous tasks. This technique prevents 

tasks from interfering by successively projecting the lower priority tasks (i.e., low-level 

control primitives) onto the null space of the main task (i.e., high-level control).  

The multipriority framework can also be applied to control and deal with the 

kinematic and dynamic redundancy inherent to the human upper limb [130]. The human 

upper limb includes extra DOFs at the joint (kinematic redundancy) and muscle 

(dynamic redundancy) levels to execute a given task in 3D space. The multipriority 

torque-control equation to perform two concurrent tasks can be formulated as: 

𝝉 = ⁡ 𝐽1
𝑇𝑭𝟏 + 𝑁1

𝑇𝐽2
𝑇𝑭𝟐 +⁡𝑁𝑎𝝉𝟎,  

𝑁1
𝑇 = 𝐼 − 𝐽1

𝑇𝐽1
𝑇#

⁡, 𝑁𝑎 = ⁡𝐼 − 𝐽𝑎
𝑇𝐽𝑎

𝑇#
⁡, 

and 𝐽𝑎
𝑇 =⁡ [𝐽1

𝑇 𝐽2
𝑇] 

(4) 

where subscripts 1 and 2 stand for the primary and secondary tasks. 𝑁1
𝑇 ∈ ℝ𝑛×𝑛 is the 

null-space projection matrix for the primary task that constrains the forces generated by 

the secondary task [130, 178].   𝐽𝑎
𝑇 is called the augmented Jacobian of the primary and 

secondary tasks. 

 Mistry et. al. [113] argues that the control torques in (4) can be further reduced by 

multiplying the RHS by the orthogonal projection operator 𝑃 as follows: 
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𝝉 = ⁡𝑃𝐽1
𝑇𝑭𝟏 + 𝑃𝑁1

𝑇𝐽2
𝑇𝑭𝟐 +⁡𝑃𝑁𝑎𝝉𝟎 + (𝐼 − 𝑃)𝝉𝒄 (5) 

This is true because the constraint forces produce no acceleration at the end-limb. The 

extra term (𝐼 − 𝑃)𝝉𝒄, however, can be considered to generate constraint forces with no 

motion in the joint space.  

Relation of the task and muscle spaces  

Using the principle of virtual work, we can relate the task space and muscle 

forces as follows: 

𝝉𝑻𝜹𝒒 = −𝒇𝑴
𝑻 𝛿𝒍(𝒒) 

𝝉𝑻𝜹𝒒 = −𝒇𝑴
𝑻

𝜕𝑙

𝜕𝒒
𝛿𝒒 

𝝉 = −𝐿𝑇𝒇𝑴⁡ 

(6) 

where 𝐿:ℝ𝑛 → ℝ𝑚 is the muscle Jacobian;  𝒇𝑴 is the vector of muscle forces; and the 

negative sign shows the positive work done during muscle contraction. The muscle force 

𝒇𝑴⁡is a nonlinear function of its maximum isometric force (𝐹𝑚𝑎𝑥), activation level (𝑎), 

length (𝑙), and contraction velocity (𝑣) and it is scaled along the tendon by the pennation 

angle (cos⁡ 𝛼) [132, 179].  

Task-level neuromusculoskeletal controller 

From (5) and (6), a task-level neuromusculoskeletal controller can be modelled 

as: 

𝒇𝑴 = −𝐿𝑇+𝝉 + (𝐼 − 𝐿𝐿+)𝒇𝒎𝟎 (7) 

where the task space forces can be mapped into the muscle space ℝ𝑘 → ℝ𝑚. The RHS 

terms in (7) are two orthogonal subspaces that belong to ℝ𝑚. 

𝒇𝑴 = 𝒇𝑴⁡
∥ ⨁⁡𝒇𝑴

⊥  

𝒇𝑴⁡
∥ ≡ −𝐿𝑇+𝝉,    𝒇𝑴

⊥ ≡ (𝐼 − 𝐿𝐿+)𝒇𝒎𝟎 

(8) 

The term 𝒇𝑴⁡
∥   can be considered as the particular solution for the muscle forces 

while 𝒇𝑴
⊥  is an arbitrary vector of muscle forces in the null space of the muscle Jacobian. 

From a physiological perspective, 𝒇𝑴⁡
∥  is the set of muscle forces that generate end-limb 
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acceleration and correspond to the feedforward activation mechanism (i.e., reciprocal 

activation) of agonist-antagonist muscle pairs. Conversely, 𝒇𝑴
⊥  represents muscle forces 

that have no contribution to the end-limb acceleration and corresponds to the co-

contraction mechanism. Note that the muscle forces in (7) are bounded and positive. For 

simplification, we assume that the muscle force is a linear function of its activation level:  

𝒇𝑴 = 𝒂 ∘ 𝑭𝒎𝒂𝒙(𝒒, 𝒒̇),         0 ≤ 𝑎𝑖 ≤ 1 (9) 

where ∘ represents the Hadamard product. We then used static optimization [115, 119]. 

to solve for the muscle activations [180, 181]: 

𝑴𝒊𝒏𝒊𝒎𝒊𝒛𝒆 [(

𝐽 = ⁡‖𝒂𝟐‖

𝒂 ∘ 𝑭𝒎𝒂𝒙 == −𝐿𝑇+𝝉 + (𝐼 − 𝐿𝐿+)𝒇𝒎𝟎

0 ≤ 𝑎𝑖 ≤ 1

) , 𝒂⁡] 

(10) 

Simulations 

For validation of the proposed controller, we performed a series of simulations limited 

to the horizontal plane at the shoulder level and compared the results to those obtained 

from experimental and computational studies [163, 167]. The simulations included the 

estimation of end-limb dynamic stiffness during longitudinal and transverse movements 

(Figure 4-6) as well as adaptation to several known force fields.  

Since the upper limb is supported against gravity during experiments, we set the 

gravity term to zero during our simulations. For successful simulations of the arm 

movements in a horizontal plane at the shoulder level, we used a multipriority framework 

with two tasks. The primary task was responsible for planning and executing the end-

limb’s point-to-point movement in the task space, while the secondary task constrained 

the elbow joint to move only on a horizontal plane at the shoulder level (i.e., shoulder 

elevation angle of 90º). Both tasks were positional tasks and were encoded based on 

equation (3) with specific gain matrices: 

Primary task: 𝑘𝑝 =⁡ [
100 0 0
0 100 0
0 0 100

] , 𝑘𝑑 =⁡ [
20 0 0
0 20 0
0 0 20

] 
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Figure 4-6.Simulation of the horizontal reaching tasks. Simulations were performed for point-

to-point reaching movements within the horizontal plane at the shoulder level. Longitudinal 

movements start at (0.30, 0.0, 0.0) and end at (0.55, 0.0, 0.0) m, while transverse movements 

were from (-0.2, 0.0, 0.45) to (0.2, 0.0, 0.45) m.  The start and end positions of these movements 

were marked by white and black circles, respectively. 
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Secondary task: 𝑘𝑝 =⁡ [
0 0 0
0 100 0
0 0 0

] , 𝑘𝑑 =⁡ [
0 0 0
0 0 0
0 0 0

] 

During the simulations, we mimicked the typical bracing used in experiments by 

locking the degrees of freedom (DOFs) of the wrist joint. We also set 𝝉𝒄 and 𝝉𝟎 in 

equation (7) and 𝒇𝒎𝟎 in equation (10) to zero unless otherwise stated. 

Dynamic stiffness 

Similar to [163], we evaluated the end-limb stiffness during planar reaching 

movements at shoulder height, as shown in Figure 4-6. The longitudinal reaching 

movement started from the initial point (0.30, 0.0, 0.0) and ended at (0.55, 0.0, 0.0) m 

along the y-direction of the shoulder joint center. Similarly, the transverse reaching 

movements began at (-0.2, 0.0, 0.45) and concluded at (0.2, 0.0, 0.45) m. The duration 

of the longitudinal and transverse reaching movements was set to 𝑇 = 0.6𝑠 and 𝑇 =

1.0𝑠, respectively [163]. The desired trajectory for the end-limb (i.e., hand center of 

mass) was decoded using a minimum-jerk polynomial-based trajectory defined as: 

𝒙 = ⁡𝒙𝟎 + [
𝐴𝑥(6𝑡𝑛

5 − 15𝑡𝑛
4 + 10𝑡𝑛

3)
0

𝐴𝑧(6𝑡𝑛
5 − 15𝑡𝑛

4 + 10𝑡𝑛
3)

] , 𝑡𝑛 =
𝑡

𝑇
          

(11) 

where 𝐴𝑥,  and 𝐴𝑧 are the movement amplitude in x and z, respectively; 𝒙𝟎 shows the 

starting position. For transverse movement 𝐴𝑥 = 0, and 𝐴𝑧 = 0.40𝑚, while for the 

longitudinal movement 𝐴𝑥 = 0.25𝑚, and 𝐴𝑥 = 0.25𝑚. 

 

Motor adaptation to known stable and unstable interactions 

We examined the motor adaptations during point-to-point arm reaching 

movements in the longitudinal directions for three position-based DF, and a VF (Figure 

4-7). The general function used for the DF was: 

𝑭𝑬 = κ [
cos𝛽

0
sin𝛽

] 𝒙  (N)        
(12) 
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Figure 4-7. Illustration of simulated force fields. (A) divergent force field with κ = 450, 𝛽 = 0𝑜, 

(B) divergent force field with κ = 450, 𝛽 = 45𝑜, (C) divergent force field with κ = 450, 𝛽 = −45𝑜, 

(D) velocity-dependent force field.  
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where κ and 𝛽 determine the difficulty scale and rotation of the force field. We performed 

simulations for parameter sets of 1)  κ = 450, 𝛽 = 0, 2) κ = 450, 𝛽 = 45𝑜, and 3) κ =

450, 𝛽 = −45𝑜. The VF was also defined as: 

𝑭𝑬 = [
13 0 −18
0 0 0
18 0 13

] 𝒙̇  (N)        
(13) 

It was assumed that after motor adaptations are learned to the simulated 

divergent force (DF), the planned trajectory would resemble the null force field where no 

external force is applied [163]. However, based on experimental studies [101, 102], an 

increase in the end-limb stiffness (𝑘𝑎) was assumed in the opposite direction of the 

imposed force fields. The Jacobian of the primary task was then used to map this 

stiffness adaptation term onto the joint space (equation (14)), considering it as constraint 

forces (𝝉𝒄) in the control law, equation (5). This approach allowed us to generate motion 

similar to the null field simulation while producing corresponding constraint forces at the 

upper limb joints. 

𝝉𝒄 = 𝐽1
𝑇𝑘𝑎(𝒙 − 𝒙𝒅), 

𝑘𝑎 = −κ [
cos𝛽 0 0

0 0 0
0 0 sin𝛽

]       

(14) 

In a same way, we used following equation to estimate the constraint forces for 

the VF simulation: 

 

𝝉𝒄 = 𝐽1
𝑇𝑘𝑎(𝒙̇ − 𝒙̇𝒅), 

𝑘𝑎 = −[
13 0 −18
0 0 0
18 0 13

]         

(15) 

Stiffness estimation  

The experimental technique to quantify limb impedance involves using system 

identification tools to compute impedance parameters based on the measured response 

of the end-limb and joints to external perturbations [148, 149, 153, 160, 167]. The limb 

impedance behavior originates from the viscoelastic properties of the muscle-tendon 
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units (MTUs) and reflex feedbacks (i.e., involuntary impedance). The musculoskeletal 

modeling approach also considers the limb stiffness to be a result of the MTU stiffness, 

and it maps the MTU stiffness onto the joint stiffness with the following equation [156, 

170, 182]: 

𝐾𝑗 = −
𝜕𝐿𝑇

𝜕𝒒
𝒇𝑴 − 𝐿𝑇𝐾𝑚𝑡𝑢𝐿    (16) 

where 𝐾𝑗 and 𝐾𝑚𝑡𝑢 stand for the joint and MTU stiffnesses, respectively. The SRS 

phenomenon has a significant contribution to the MTU stiffness [156], and it can be 

modeled as the total stiffness of the muscle fibers 𝐾𝑚 and tendons 𝐾𝑡: 

𝐾𝑚𝑡𝑢 =
𝐾𝑚𝐾𝑡

𝐾𝑚+𝐾𝑡
        (17) 

where 𝐾𝑡 is the slope of the force-strain curve of the tendon, and 𝐾𝑚 is estimated with 

[156]:  

𝐾𝑚 =
𝛾𝑓𝑀

𝑙0
𝑚  ,       𝛾 = 23.4 (18) 

𝑙0
𝑚 is the optimal muscle fiber length. Finally, the joint stiffness can be mapped onto the 

end-limb (i.e., task) stiffness by the task Jacobian.  

𝐾𝑥 = 𝐽+𝑇(𝐾𝑗 −
𝜕𝐽𝑇

𝜕𝒒
𝑭)𝐽+ 

(19) 

Graphical ellipses were employed to visualize the symmetric component of the 

end-limb stiffness matrix, 𝐾𝑥, and to assess the changes in its size, shape, and 

orientation during reaching movements in the presence of simulated force fields. The 

determinant, eigenvalues, and eigenvectors of the stiffness matrix define the size, 

shape, and orientation, respectively, of the graphical ellipse.  

Results and Discussion 

Dynamic Stiffness 

Figure 4-8 illustrates the end-limb stiffness during the longitudinal reaching 

movement in a NF simulation. The stiffness ellipses are plotted with a 0.05 m distance 

from each other, starting from the position (0.30, 0.0, 0.0) m. Consistent with previous 

research [160, 163], the ellipses appear wider near the start point (i.e., more posterior)  
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Figure 4-8. Stiffness ellipses for the longitudinal reaching movement in the null force 

field estimated by the model (A), measured from the experiment (B). In (A) the ellipses 

are 0.05 m distant from each other. 
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and elongate in the direction of the major axis as the hand approaches the end point 

(i.e., more anterior). Additionally, the major axis orientation slightly rotates clockwise, 

towards the shoulder joint center, as the hand moves towards the end point. 

Figure 4-9 displays the stiffness ellipses for the transverse reaching movement, 

also simulated in a NF with 0.05m distance between each ellipse. As observed, the 

major axis of the stiffness ellipses orients towards the shoulder joint as the hand moves 

from more medial positions (i.e., closer to the start point) to lateral positions (i.e., closer 

to the end point). The stiffness ellipses are wider for the more medial positions and 

become thinner for positions lateral to the shoulder joint. These results align with 

findings from experimental [2] and computational [6] studies.   

Motor adaptations to stable and unstable interactions with known force fields 

Figure 4-10 depicts the stiffness adaptations predicted by the proposed model in 

response to the simulated force fields. The solid red ellipses represent the end-limb 

stiffness in the null field, while the dashed blue ellipses show the stiffness after 

adaptation, estimated 200ms after the start of the movements. It can be observed that 

for the three simulated force fields, the end-limb stiffness mainly enlarges in the direction 

of the instability caused by the corresponding force field. This finding is consistent with 

experimental studies[102, 163, 164, 183] where subjects learned to stabilize their 

movement trajectory by modulating their biarticular and mono-articular muscles 

activations. Similarly, the proposed model predicts the stiffness adaptation to the 

velocity-dependent force field, aligning with available studies [162, 163].  

Our results showed that the proposed neuromusculoskeletal model successfully 

predicted and characterized the end-limb stiffness during the dynamic horizontal 

reaching movements as well as stiffness adaptations to stable/unstable interactions. The 

proposed approach could potentially be extended to upper limb movements in the three-

dimensional (3D) space. Further studies are required to confirm the model’s suitability 

for use in three-dimensional movement. Franklin et. al. [162] suggest that the end-limb 

stiffness modulation and adaptations can be achieved using an inverse dynamics model 

in combination with impedance control. Our study confirmed this as we used an inverse 

task space controller that tracks the position task goal. When no force is applied at the 

end-limb, the controller exhibits behavior similar to an impedance controller. 
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Figure 4-9. Stiffness ellipses depicted for the transverse reaching movement in the null force field 

estimated by the model (A), measured from the experiment (B). In (A) the ellipses are 0.05 m 

distant from each other.  
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Figure 4-10. Stiffness ellipses after motor adaptations to the simulated force fields. Red 

ellipses show the end-limb stiffness for the null field simulation. Blue dashed ellipses show end-

limb stiffness after adaptations. The stiffness was estimated at the time of 0.20s. stiffness 

adaptation to the divergent force field with κ = 450, 𝛽 = 0𝑜 (A), divergent force field with κ =

450, 𝛽 = 45𝑜 (B), divergent force field with κ = 450, 𝛽 = −45𝑜 (C), and velocity-dependent force 

field (D).  
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By formulating the expected stiffness adaptations as constraint forces mapped onto the 

joint space, we were able to predict the adapted impedance. However, it is important to 

note that the proposed model may not be applicable in the presence of unknown 

interactions where a learning algorithm might be required to predict the motor 

adaptation. 

Our study, in line with other computational investigations[156, 173], assumed that 

MTUs are the primary contributors to limb stiffness, and their SRS is proportional to the 

forces they generate. Therefore, musculoskeletal models with higher accuracy in 

estimating muscle-tendon dynamics and muscle excitations are expected to yield more 

accurate estimations of joint and end-limb stiffness. The central nervous system is 

known to achieve limb stability and impedance modulation through reciprocal activations 

of agonist/antagonist muscle pairs and their co-contractions  [154, 159, 162, 174]. In our 

study, we employed static optimization with linear muscle assumptions for computational 

efficiency, but it does have limitations in estimating co-contractions [184]. Future 

research could enhance this model by using nonlinear muscle models and exhaustive 

search methods to explore the full range of muscle space solutions [173, 185]. 

Conclusion 

This study introduced a comprehensive neuromusculoskeletal model of the arm, 

incorporating realistic 3D musculoskeletal geometry and a human-like control framework 

to examine endpoint stiffness during dynamic movements, and in response to 

environmental disturbances. The model employed an inverse task space dynamics 

approach with a multi-priority control scheme to execute muscle-driven goal-oriented 

movements. Simulation results demonstrated the model's ability to reasonably predict 

dynamic stiffness during horizontal reaching movements; our results were qualitatively 

consistent with experimental findings. However, further investigations are warranted to 

quantitatively assess the model's ability to predict stiffness modulation for 3D 

movements in novel environments, such as force fields applied by assistive devices. 
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CHAPTER 5 : CONCLUSION 
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Contributions 

The foremost contribution of this research is the development of a prototype of a 

compact, lightweight, inexpensive, wearable passive cam-based shoulder exoskeleton.  

The proposed exoskeleton was designed to offer continuous, at-home assistance for 

dynamic activities of every day. The proposed exoskeleton incorporates a novel spring-

cam-wheel module, which can generate a customizable assistive force. This force can 

be adapted to counteract varying proportions of the shoulder's elevation moment due to 

gravity. 

The second contribution is conduction of a biomechanical study examining the 

impact of the proposed shoulder exoskeleton on the shoulder neuromuscular 

biomechanics and kinematics during dynamics elevation movements of the shoulder. 

Though the outcomes are specific to the proposed exoskeleton design, they have 

relevant implications for any other gravity-compensating passive shoulder exoskeleton.  

 The next contribution of this dissertation is demonstration of the feasibility of 

using a robotics-based task-posture control framework to simulate goal-directed upper 

limb movements while defining an impedance behavior for posture control.  

Another contribution is a simulation study that, firstly, offers a computational 

robotics-driven methodology to determine the optimal level of anti-gravity assistance for 

various dynamic shoulder tasks. Secondly, it explores the impact of anti-gravity 

assistance level on neuromuscular biomechanics of the shoulder in terms of endpoint 

kinematic variability, muscular response and efficiency, and GH joint stability. The 

outcomes of this study inform the design of passive shoulder exoskeletons by providing 

insights into the ideal assistance levels they can offer based on the tasks they are 

designed for. 

The concluding contribution of this research involves the introduction of two 

computer models focusing on force-impedance modulation for upper limb movements. 

Both models incorporate a realistic geometry of the upper limb and hold the potential to 

be applicable for both two- and three-dimensional movements. The first model is a 

musculoskeletal-manipulandum model that intends to estimate arm impedance 

properties during posture maintenance tasks. The second model, however, employs a 
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multipriority control framework and can be used for estimation of stiffness modulation 

and motor adaptations in presence of destabilizing forces.  

Future Work 

There are several potential directions to progress this research in future studies, 

some of which are discussed below. These future works should eventually justify future 

development and clinical translation of portable passive shoulder exoskeletons to be 

used in home and community settings. 

The work covered in chapter 1 serves as the foundation for the development and 

biomechanical assessment of a wearable passive shoulder exoskeleton (WPCSE). 

However, the WPCSE is currently in its early prototype stage and requires further 

enhancement before it can be employed in clinical settings. Some of the proposed 

refinements for the WPCSE include the incorporation of safety mechanisms, the 

optimization of routing geometries for the Bowden cable to reduce friction losses, the 

inclusion of an adjustability feature to offer a range of assistance levels, and the 

provision of adjustability for a range of user anthropometry. The study of WPCSE on 

shoulder biomechanics was only limited to able-bodied subjects. Testing in a patient 

population will be essential for demonstrating device safety and efficacy to support 

clinical use. However, patients with shoulder disability may have underlying tissue 

injuries, muscle coordination patterns, or other conditions that could put them at 

increased risk for injury or re-injury when using a novel, untested device prototype. Thus, 

more comprehensive biomechanical studies will be performed to assess the WPCSE for 

more participants (both able-bodied subjects and people with shoulder disability), with 

more biomechanical parameters (e.g., range of motion and endpoint/hand kinematics), 

and more movements that typify activities of daily living.  

In chapter 3, I conducted a computational study to investigate how different 

levels of assistance influence the endpoint error and variability, shoulder muscular 

response, and GH joint stability.  The outcomes also showed how an optimal anti-gravity 

assistance level can be achieved across shoulder functional tasks for passive shoulder 

exoskeleton. However, the outcomes of this study can be dependent on the simulation’s 

parameters and settings such as the command task and posture accelerations. 

Therefore, further sensitivity analysis is required to investigate the effects of gain 
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matrices of command task/posture accelerations on optimal anti-gravity assistance level. 

Additionally, I performed simulations assuming fixed movement speed for a limited 

number of shoulder tasks. However, speed plays a crucial role in the net torque 

generated at the shoulder joint during dynamic tasks. Future studies should explore a 

wider variety of movements with varying speeds to investigate the relationship between 

the level of assistance and movement speed. 

In chapter 4, I introduced two neuromusculoskeletal models of the arm, 

incorporating realistic 3D musculoskeletal geometry to examine endpoint stiffness during 

posture maintenance and dynamic movements. However, our simulations were only 

carried out for movements constrained to horizontal plane at the shoulder level. Future 

investigations can progress the work by assessing the applicability of the proposed 

models in predicting stiffness modulation for movements in 3D space. Since the second 

model proposed in section 4-2 incorporates a human-like control framework, it can be 

used to perform more computational studies to investigate the end-limb stiffness in 

presence of different assistance levels at the shoulder joint during dynamic and static 

movements.  
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