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Abstract

Neuroprostheses can be used to restore movement of the upper limb in individuals with high-level
spinal cord injury. Development and evaluation of command and control schemes for such devices
typically requires real-time, “patient-in-the-loop” experimentation. A real-time, three-dimensional,
musculoskeletal model of the upper limb has been developed for use in a simulation environment to
allow such testing to be carried out non-invasively. The model provides real-time feedback of human
arm dynamics that can be displayed to the user in a virtual reality environment. The model has a
three degree-of-freedom gleno-humeral joint as well as elbow flexion/extension and pronation/
supination, and contains 22 muscles of the shoulder and elbow divided into multiple elements. The
model is able to run in real time on modest desktop hardware and demonstrates that a large-scale,
3D model can be made to run in real time. This is a prerequisite for a real-time, whole arm model
that will form part of a dynamic arm simulator for use in the development, testing and user training
of neural prosthesis systems.

Index Terms

Functional electrical stimulation; biomechanics; musculoskeletal modelling; shoulder; upper limb;
simulation

[. Introduction

Functional electrical stimulation (FES) can be used to restore upper limb function in people
with high-level spinal cord injury (SCI) through the electrical stimulation of nerves and muscles
to generate movement in the paralysed limb. Upper limb FES systems have been described by
numerous groups [1]-[5], but have more commonly been applied to people with mid-cervical
level (C5-C6 SCI) or thoracic-level injuries [6]. People with high-level (C1-C4 SCI) injuries
have fewer options for command sources for FES than those with lower level injuries, who
can often make use of retained voluntary function to control an FES-based neuroprosthesis.

Operating an FES system requires sophisticated control of a multiple degree-of-freedom,
kinematically coupled system of joints using redundant, non-linear actuators from a limited,
artificial command source. For goal-directed movements in the upper extremity, feedback



1duasnuey Joyiny vVd-HIN 1duasnue Joyiny vd-HIN

1duasnuey Joyiny vd-HIN

Chadwick et al.

Page 2

control involving user input is essential and the command interface for the user becomes an
integral part of the control system. Musculoskeletal models have been used successfully to
help design control systems for FES by a number of authors [7]-[10]. These modelling studies
have consisted of off-line analyses of model and controller behaviour, not real-time
simulations. They did not generate real-time feedback for the user and did not allow the
adaption of control signals in real time. The execution of “patient-in-the-loop” experiments in
which it is possible to give the subject real-time feedback of simulated arm movement requires
a virtual reality environment with real-time simulation of arm dynamics.

A brain-machine interface (BMI) is an example of such a command interface, and offers a
promising source of commands for neuroprosthetic control, but to date BMI research has tended
to focus on the control of non-dynamic tasks such as 2D computer mouse movement [11] or
in some cases simulated 3D target reaching tasks [12]. For the use of brain signals for real arm
control (i.e. with a neuroprosthesis), it may be essential to consider the effect of arm and muscle
dynamics on the nature of the extracted signal. Carmena et al. [13], for example, showed
movement control with a BMI by decoding multiple movement parameters including hand
force and muscle activations, not just movement trajectories.

In order to help answer the question of whether arm dynamics affect the nature of the required
movement command, and to facilitate FES controller development, a tool for the real-time,
dynamic simulation of arm movement would be very useful. A number of large-scale models
of the upper limb have been described in the literature [14]-[17] but the focus of these models
has always been anatomical fidelity, and not simulation speed. Real-time simulation was not
agoal of these studies, and no data are given on simulation speeds. Other groups have described
very promising simulation environments that do feature real-time simulation, incorporating
musculoskeletal modelling and visualisation [18], but to date details on the complexity of
models that can be simulated in real time are not available. Davoodi et al. [19] described the
virtual reality aspects of the simulation environment in some detail, but did not provide many
details on the biomechanical modelling aspects.

The long-term goal of this work, therefore, was to develop a complex, three-dimensional (3D)
biomechanical model of the upper limb that runs in real time. The model described simulates
realistic arm dynamics (inertia, kinematic coupling, muscle dynamics), for use in the so-called
Dynamic Arm Simulator (DAS). The real-time dynamics model interfaces with a visualisation
environment developed using Game Studio (Conitec Data Systems, Inc.). This gives the user
of the simulator direct visual feedback regarding the movement of their virtual arm, and allows
the development of neural prosthesis controllers and brain-machine interfaces, as well as
providing a training environment for potential users of such systems. The model is fully
customisable, e.g. allowing compromises in muscle strength associated with spinal cord injury
to be accurately modelled. The clinical relevance of this work, then, is that it allows rapid
development of rehabilitation technologies for people with spinal cord injury or other
neurological impairment.

The aim of the current study was to develop a dynamic model of the human upper limb that
would run in real time and be of sufficient complexity to allow realistic simulations of arm
movement. This real-time model is a pre-requisite for the Dynamic Arm Simulator that could
be used in the development, testing and user training of neural prosthesis systems.

[l. Methods

A. Musculoskeletal model in SIMM

The structure of the model was initially built using SIMM (MusculoGraphics Inc.), a graphical
musculoskeletal modelling package. The model has five degrees of freedom: three at the gleno-
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humeral joint, one for elbow flexion/extension and one for pronation/supination. The scapula
was considered to be the base of this model and was fixed. The gleno-humeral joint was
modelled as three orthogonal hinges, or pin joints as they are known in SIMM. The elbow
flexion axis and the forearm pronation axis were also modelled as pin joints, with direction
vectors determined by cadaver kinematic measurement [20]. Limits on the range of motion of
the joints were imposed based on data from Ginal et al. [21], who measured the range of motion
of the upper limb in a large number of male subjects. These angles were restricted slightly
where necessary in order to ensure the correct wrapping of muscles in the SIMM model, and
the final values are shown in Table I. The range of motion of the humerus with respect to the
thorax is of course reduced compared to a full upper limb model due to the fixed scapula.

Muscles crossing joints proximal to the gleno-humeral joint have the correct line of action and
wrapping, but are considered to originate from the scapular rigid body. A total of 22 muscles
and muscle parts are included in the real-time model, divided into 102 muscle elements that
are modelled independently. Muscles are modelled using the minimum number of elements
needed to accurately model the mechanical line of action of each part. In the case of widely
diverging muscles such as the deltoids, this was as many as 11 elements. The number of
elements used for each muscle and the degrees of freedom crossed by the muscles are shown
in Table II.

Geometrical data for the real-time model were taken from the cadaver studies of Klein-Breteler
et al. [20]. In these studies the muscles and muscle parts controlling the movement of the
shoulder and elbow were divided into multiple elements, and their origins and insertions
measured. Joint surfaces and other bony contours were digitised for modelling using
geometrical forms, and an extensive set of muscle architecture parameters was measured. This
included tendon length, physiological cross-sectional area (PCSA), pennation angle, sarcomere
length and fibre length. All these data are available via the International Shoulder Group
website (http://internationalshouldergroup.org).

B. Equations of motion

The equations of motion were derived using SDFAST (Symbolic Dynamics and Parametric
Technology Corporation, Needham, MA, USA). The dynamics export feature of SIMM was
used to form the model description file for SDFAST, model.sd. This file was processed by
SDFAST to generate the equations of motion as C code for use in the simulation. The equations
of mation are expressed as second-order differential equations of the following form:

M(9)4=0.(q- 4. D+0:(9.9)+0c(q.9) ()

where M is the mass matrix, g are the generalised coordinates and Qpy, Qg and Q¢ are the
generalised force terms due to muscles, external forces and coriolis and centrifugal forces.

C. Muscle wrapping and lines of action

Muscle wrapping objects were defined in the SIMM file to allow the calculation of the lines
of action and the moment arms of the muscles in all positions of the model. These were based
on the geometrical structures measured in the cadaver studies described above [20] and used
in [22], and included spheres for the humeral head, an ellipsoid for the thorax and cylinders
for the humerus, ulna and radius. The run-time calculation of muscle wrapping, however, is
too time-consuming for a real-time application. In this study, preprocessing of the muscle
moment arms and lines of action was carried out to allow faster operation at run-time.
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Muscle moment arms were exported from SIMM for each muscle element crossing each degree
of freedom over the whole range of model motions. In the real-time model, muscle-skeleton
coupling was represented by a polynomial model for muscle length as a function of kinematic
degrees of freedom. This was done in preference to fitting the moment arms directly as it
reduces the number of model coefficients needed, therefore decreasing simulation time. This
also avoids over fitting the data, which can happen when fitting the moment arms directly,
resulting in the model not being mechanically consistent. The moment arm data from the SIMM
model were then used to assess the fitting accuracy. Polynomial terms were added to the model
until the moment arm error for each element was less than 10% of the maximum moment arm
value or 2mm, whichever was the greater. This gave a good compromise between accurately
describing the moment arms and limiting the number of polynomial terms needed for that
description. A similar procedure was followed to approximate the muscle lines of action. In
the case of the lines of action, one polynomial was required for each orthogonal component of
the path. The lines of action of the muscles were needed for the calculation of the joint reaction
force and subsequently the assessment of gleno-humeral stability described in Section II-E.

D. Muscle model

A three-component, Hill-type muscle model was used to model muscle force generation. The
model consists of a contractile element for active force generation, a series elastic element
(SEE) representing tendon and other series stiffnesses, and a parallel elastic element (PEE)
representing the passive stiffness of the muscle belly. Activation dynamics were governed by
the first order differential equation:

a(t)=(cru(t)+c2)(u(r) — a(r)) 2

where a is the active state, u is the neural command and the terms ¢, and ¢, are chosen to give
activation and deactivation time constants derived from the proportions of fast and slow twitch
fibres in the muscle (derived from [23]).

The contractile element produces a force, F¢e, which is dependent on the shortening velocity,
Ve, fibre length, Lee, and active state, a:

Fc‘p=f(Lcc) i g(VC(,, (l) -a (3)

where f describes the force-length relationship and g describes the Hill shortening equation
(for details see McLean et al. [24]). In order to prevent infinite muscle velocities at zero
activation, a passive damper of 10 N/m/s was modelled in parallel with the contractile element
for low activations (less than 0.02). This value was within the range found by Kirsch et al.
[25] and allowed the arm to fall at a realistic rate.

Stiffness properties for the series and parallel elastic components were given by quadratic
relationships between force and elongation (where Lgjack is the element slack length normalised
to the optimal fibre length):

F:k(L - leack)2 (4)

The stiffness parameter k for the SEE was set such that 4% elongation was achieved when the
maximal isometric force was applied (from [24]). Lgjack for the series elastic element was
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approximated by the tendon slack length measured in the cadaver studies. Lgjack for the PEE
is a harder parameter to estimate, as data for doing this are not available. Following the example
of McLean et al. [24] a default value of 1.0 was used (normalised to optimum fibre length),
except for a small number of muscle elements for which this led to prohibitively high passive
forces. For these elements the value of Lgj4ck Was estimated based on the desired range of
motion of the joint that the muscle crossed. There are insufficient data in the literature to obtain
this value in any other way. These values are shown in Table V in the Appendix.

E. Computation of GH stability

The gleno-humeral joint is minimally stabilised by passive structures around the joint, and
requires active stabilisation from the rotator cuff muscles during movement. The ability to
monitor the stability of that joint is essential in the design of controllers for FES systems, a
major application of this model.

At each major time step of the simulation, the resultant force vector between the humeral head
and the glenoid was calculated. This was the vector sum of all contributions to the joint reaction
force: external forces on the limb as well as the sum of all muscle forces for muscles crossing
the gleno-humeral joint. The stability of the gleno-humeral joint is defined as a function of the
angle of the resultant force in the glenoid relative to the maximum angle that can be reached
before dislocation of the joint. Specifically, the stability value is defined as:

GHyap=(0/02)*+(¢/%a)’ ®)

where 6 and ¢ are the angles of the vector away from the normal to the glenoid along the major
and minor axes of the ellipse, and 6, and ¢, are the angles of that vector as it reaches the rim
of the glenoid. The value of GHg4p, thus reaches 1 as the reaction force vector reaches the edge
of the ellipsoid defining the glenoid fossa and has a value of zero when the vector is exactly
in the centre of the fossa. Values of less than 1 indicate that the force is inside the rim of the
fossa and the joint is stable, and values over 1 indicate that the reaction force vector would
point outside the fossa, tending to cause dislocation of the joint.

F. Simulink and xPC target

In order to guarantee real-time operation of the model, Matlab's XxPC Target operating system
was used. This is a specialised application of the Real-Time Workshop allowing fast
development of real-time applications on x86 hardware. The model is developed in Simulink
in simulation mode before being compiled as a real-time executable for execution on the real-
time operating system (RTOS). This approach allows rapid development of code, maximising
model performance on given hardware as well as guaranteeing real-time operation.

When running a model on the real-time system, xPC Target, it is required to use a fixed-step
solver to guarantee real-time operation. The time taken for one complete integration of the
system is reported as the Task Execution Time (TET) by xPC Target. The minimum step size
that can be used with a given model is this TET (plus a small amount to allow for fluctuations
in the execution time). If the simulation is stable with that step size for a given integrator, or
solver, then real-time operation is possible.

In this study, two solvers were compared for their performance and stability: the 15t order Euler
solver and the 4™ order Runge-Kutte solver.

IEEE Trans Biomed Eng. Author manuscript; available in PMC 2010 November 3.
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G. The muscle stimulation experiments

Simulations of simple muscle stimulation experiments were carried out to test the model
response to activation of the various muscle groups. Groups of muscles were activated
sequentially in the model, and the resulting motions were observed. During these simulations,
the Task Execution Time for the model was recorded in order to assess the real-time capability
of the model during simulated motions.

Table 111 shows the baseline activations used during the simulations. These are the minimum
activations necessary to ensure stability of the gleno-humeral joint in the resting position. Only
the rotator cuff muscles (infraspinatus, teres minor, supraspinatus and subscapularis) are active
in this state, and the maximum of these activations is 0.07. These values were found by
iteratively increasing the values of the activations until a combination was found that reduced
the value of the gleno-humeral stability constraint (GHsap) to less than 0.5, giving a factor of
safety of two, and allowed the arm to hang in a neutral position (i.e. without excessive internal
or external rotation). As defined previously, GHgiap must be less than one to ensure stability
of the joint.

Activation of the various muscle groups to produce movement was then applied on top of these
baseline activations. Three sets of activations were defined. The first tested the elbow flexion/
extension and forearm pro/supination response of the model. The second tested the humeral
abduction response by elevating the arm in the scapular plane, and the third repeated this
motion, but increased the rotator cuff activity to stabilise the gleno-humeral joint.

[1l. Results

Fig. 1 shows the effect on the model of activation of combinations of elbow flexors (biceps
brachii, brachialis, brachioradialis), extensors (triceps) and pronators (pronator teres and
pronator quadratus). Part A shows activation of the elbow flexor muscles (at 4 s), co-contraction
of the flexors and extensors (at 10 s) and activation of the flexors, extensors and pronators (at
14 s). Part B shows the movements produced by the activations applied in Part A: flexion of
the elbow to 140° combined with full supination, then extension back to 100°, and then
pronation of the forearm to 160°. Finally, deactivation of all muscles allows the model to return
to its initial position of 5° flexion and 70° pronation.

Fig. 2 shows the effect of activating humeral abductors (the middle and anterior parts of the
deltoids) (part A) in addition to the constant rotator cuff muscle baseline activations. The
resulting motion of the model (part B) shows abduction of the humerus in approximately the
scapular plane (part way between lateral abduction and forward flexion). The activity of the
rotator cuff muscles was not adjusted during these motions, and part C of the figure shows the
increase in the value of GHg,p, to over 1, indicating instability of the gleno-humeral joint.

Fig. 3 shows the same deltoid activity as the previous figure, but this time with a concurrent
increase in the rotator cuff activity. This level of activation was chosen merely to be sufficient
to maintain gleno-humeral stability. The resulting motion is quite similar, with slightly
increased humeral elevation provided by the abduction tendency of these muscles. Part C,
though, shows a much reduced value of GHgtap, to less than 0.5, indicating that the stability of
the gleno-humeral joint is maintained throughout the motion (with a factor of safety of two).

Fig. 4 shows the effect of two different solvers on the stability of the model during the
simulation. Part A shows that globally the two solvers result in the same motion given the same
input activations. Part B shows a magnified y-axis to illustrate the more stable performance of
the 4™ order Runge-Kutta solver as compared to the 15t order Euler solver.

IEEE Trans Biomed Eng. Author manuscript; available in PMC 2010 November 3.
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Table IV shows the performance of the model on the real-time system. The task execution time
(TET) is the computation time required by the processor to complete one integration of the
system. If the largest stable step size for the model is larger than this TET, then real-time
operation is possible. The table shows that both solvers are capable of real-time operation with
this model.

V. Discussion

A. Model evaluation

The goal of this study was to develop a real-time musculoskeletal model of the human upper
limb for use in a dynamic arm simulator. The real-time model described in this study is based
on anatomical parameters and structures described in [20] and previously implemented in a
large-scale model using SIMM [22]. Verification of the model response to muscle activation
indicates that the model still behaves as expected, even after conversion of the data to the format
suitable for real-time execution. The primary outcome of this work is thus the real-time
performance allowing the model to be used in “patient-in-the-loop” testing of neural prosthesis
systems.

The muscle stimulation experiments showed that the model responds in a predictable way to

various levels of muscle stimulation. The model is stable in the resting position with only low-
level baseline activation of the rotator cuff muscles to stabilise the gleno-humeral joint, and is
also stable in arbitrary intermediate positions of elbow flexion, forearm pronation and humeral
abduction (Fig. 1 and 2). Furthermore, gleno-humeral stability is maintained during humeral

abduction by activation of the rotator cuff muscles, and is seen to be compromised when these
muscles are not concurrently activated (Fig. 2 and 3). The main outcome of these experiments,
though, is that all these movements were successfully simulated in real time.

B. Computational performance

Simulink offers a range of fixed-step solvers for use with xPC Target, from 15t to 5t order.
The 15t order Euler solver has the lowest computational cost, but also requires the smallest step
size to maintain a given level of accuracy. The Runge-Kutta 4™ order solver, in contrast, has
a higher computational cost but produces smaller errors for a given step size. This means that
the higher order solver is able to perform the simulation with a larger step size, permitting a
larger task execution time (TET) while still running in real time. This is the trade-off that must
be assessed in the evaluation of the solvers. The solvers at intermediate orders to those
described were not found to offer any performance benefit and so were not used. The best
solver choice is also influenced by the range of stiffnesses encountered in the system.

In our system, high stiffness is introduced by the combination of high-stiffness muscle elements
(those with short series elastic components, i.e. short tendon slack lengths such as pronator
quadratus) and low-inertia degrees of freedom, such as forearm pronation/supination. This
stiffness requires the use of the small step sizes seen in Table IV to ensure a stable solution.
The Runge-Kutta 4t order solver was found to be the best compromise between speed and
accuracy for the integration of this system. This solver allowed real-time operation of the model
on a 1.8GHz Pentium 4 with a solver step size of 1ms. The Euler 15t order solver was also able
to run in real time, with a step size of 0.5ms, but the simulation was slightly less stable in that
case, as seen in Fig. 4.

In our experience, calculation of the muscle elements is the most time-consuming part of the
simulation, and additional degrees of freedom in the kinematics are less significant. We
therefore expect some increase in simulation time with a more complex model comprising
more muscle elements, but this tends to increase linearly with the number of polynomial terms
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used to model the muscles and the number of muscle elements. We are therefore confident that
the whole arm model which is the long-term goal of this work will also be suitable for real-
time simulation, since the increase in complexity should be a factor of around two or less.

C. Model limitations

The model is a fully three-dimensional representation of the gleno-humeral joint and elbow
that includes all the relevant muscles and degrees of freedom. As far as can be seen from the
literature, this is the only model of this scale whose ability to run in real time has been tested.
However, our model does have the limitation of the fixed scapula. This simplification was used
to allow us to develop the real-time framework without jumping straight into the complexity
of the closed-chain shoulder girdle and focus on necessary developments such as monitoring
and ensuring gleno-humeral stability. This limits the range of motion of the arm somewhat, as
the shoulder girdle would normally contribute to the range of motion of the arm. This also has
the effect of increasing the length range over which some of the muscles have to operate, as
the gleno-humeral joint must provide all the movement that would otherwise be provided by
the combination of scapular and humeral motion. The model still operates under these
conditions, providing a real-time, 3D simulation of arm movement, but the motions at
individual joints may be slightly less realistic than they would be with a full model including
a shoulder girdle.

The anatomical parameters in the model are taken from measurements based on a single
cadaver, but our model can use any internally consistent parameter set describing the shoulder
and elbow mechanism. Many other models described in the literature are based on the averaging
of all available data (for example, [16]) or parameter optimisation (for example, [26]), both of
which have their merits. Using single cadaver measurements maintains relationships between
structures, such as muscle attachment points, moment arms, optimum fibre lengths etc., which
may be lost using other methods. For real-time, “patient-in-the-loop” experiments, matching
the model to the patient through the use of actual patient data such as muscle points of origin
and insertion would be very attractive. This is not really feasible at this time, but may become
so in the future with improvements in imaging modalities. Despite differences between the
actual subject and the model, the real-time simulator still provides an extremely useful tool
which allows us to examine how well a user can control a complex neuroprosthesis and what
the effects of different command interfaces and controllers are on that control.

D. Applications

A realistic 3D model of the human upper limb that provides real-time feedback on arm motion
allows us to perform experiments with the patient in the loop in a way that would not otherwise
be possible. For example, in the development of control algorithms for implanted FES systems,
a variety of virtual systems can be investigated before any actual FES intervention is applied
to the subject. Simulation of different muscle groups can be tried, stimulation levels can be
tested and controller designs can be developed. The level of control that a potential user would
have with that system can be assessed with minimal risk and inconvenience to the subject. In
the field of brain-machine interfaces, decoding algorithms can be tested to assess the feasibility
of multi-degree of freedom control and fundamental questions about control mechanisms can
be answered for conditions that would not otherwise be possible.

V. Conclusions

We have developed a real-time, 5 DOF, dynamic model of the human shoulder and elbow.
This model differs from previous models of these joints in that it can compute the dynamics
for an appropriate time duration faster than that time duration, i.e., in “real time”. This was
accomplished by replacing computationally demanding calculations (muscle moment arms and
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muscle lines of action) by efficient, pre-computed polynomial fits. Our model achieved real-
time performance using very modest computing hardware, demonstrating the utility of our
approach and providing ample opportunities for increasing the complexity of the model in the
future.

This study demonstrated the feasibility of producing a model of sufficient complexity that
would run in real time, a prerequisite for the Dynamic Arm Simulator which will allow the
execution of “patient-in-the-loop” experiments for FES command and control development.
Future work will focus on the integration of the shoulder girdle and hand to the model. That
is, additional degrees of freedom will be added to model the sterno-clavicular and acromio-
clavicular joints and a simple hand model will be added. This will form a complete upper arm
simulator for the design and testing of neural prosthesis controllers and brain-machine
interfaces.
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Appendix: Muscle Stiffness Parameters

Table V shows the values of PEEg5k (parallel elastic element slack length) which were
modified from the default value of 1.0 to give reasonable resting lengths for the muscles based
on limb resting position.

TABLE V
The values of PEEg ¢k for muscle elements in which it
differed from the default value of 1.0 (normalised to
optimum fibre length)

Muscle name Element no. PEEgjack
Infraspinatus [4 5 6] [1.11.21.1]
Teres minor [123] [1.31.41.4]
Supraspinatus [1] [1.1]
Biceps, long head [1] [1.3]
Biceps, short head [12] [1.51.6]
Triceps, long head [1234] [1515141.2]
Triceps, medial head [12345] [1.31.31.4131.2]
Brachialis [1234567] | [1.21.21.11.41.31.21.3]
Brachioradialis [123] [1.21.21.3]
Pronator teres [1] [1.3]
Supinator [2345] [12131213]
Pronator quadratus [1] [1.1]
Triceps, lateral head [1234] [1.21.21.21.2]
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Fig. 1.

Part A shows activation of the elbow flexor muscles (at 4 s), co-contraction of the flexors and
extensors (at 10 s) and activation of the flexors, extensors and pronators (at 14 s). Part B shows
flexion of the elbow to 140° combined with full supination, extension back to 100° followed
by pronation to 160°. Finally, deactivation of all muscles allows the model to return to its initial
position of 5° flexion and 70° pronation.
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A: Muscle activation patterns
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Part A shows the activation of the middle and anterior parts of the deltoid muscles, and Part B
the model motions in response to those activations. Rotator cuff activity was held at the baseline
level throughout the movement, and Part C shows the increase in the value of GHgp, to over

1, indicating potential dislocation of the joint.
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Fig. 3.

A: Muscle activation patterns
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Activation of the middle and anterior parts of the deltoid muscles, with increased stimulation

of the rotator cuff muscles are shown in Part A. The resulting model motions are shown in Part
B. Note the increased stability of the gleno-humeral joint, shown by the stability value of < 0.5

in Part C.
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A: Solver stability comparison
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Fig. 4.

Stability of the simulation with two different solvers at their minimum step sizes. Part A shows
that the model response to the given input is extremely similar with the two solvers. Part B
shows the increased stability of the Runge-Kutta 4™ order solver over the Euler 15t order.
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TABLE |

Angular limits for each degree of freedom (degrees)

Degree of freedom

Plane of elevation
Angle of elevation
Internal rotation
Elbow flexion

Forearm pronation

Min angle | Max angle
-90 90
5 90
-55 70
5 140
5 160
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Muscles included in the real-time model, showing the joints crossed by each muscle (gleno-
humeral: GH, humero-ulnar: HU or radio-ulnar: RU) and the number of elements used to
model the muscle

Muscle Joints No. of elements
Deltoid, scapular part GH 11
Deltoid, clavicular part GH 4
Coracobrachialis GH 3
Infraspinatus GH 6
Teres minor GH 3
Teres major GH 4
Supraspinatus GH 4
Subscapularis GH 11
Biceps, long head GH, HU and RU 1
Biceps, short head GH, HU and RU 2
Triceps, long head GH and HU 4
Latissimus dorsi GH 6
Pectoralis major, thoracic part GH 6
Pectoralis major, clavicular part GH 2
Triceps, medial head HU 5
Brachialis HU 7
Brachioradialis HU and RU 3
Pronator teres HU and RU 2
Supinator HU and RU 5
Pronator quadratus RU 3
Triceps, lateral head HU 5
Anconeus HU 5
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TABLE llI
Minimum activations necessary in the rotator cuff muscles to ensure stability of the gleno-
humeral joint with a factor of safety of 2. (GHggp < 0.5)

Infraspinatus | Teres minor | Supraspinatus | Subscapularis

0.04 | 0.02 | 0.02 | 0.07
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Performance of model on real-time system (1.8GHz Pentium 4), averaged across three tasks

Chadwick et al.
TABLE IV
Solver Task Execution Time | Stable Step Size
Runge-Kutta 4th order 0.51ms 1.0ms
Euler 1st order 0.13ms 0.5ms
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