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Chapter 1

Introduction

1.1. Background

Detailed information about muscle function and muscle forces in the human
musculoskeletal system is demanded for several applications. Among these are the
improvement of the design and preclinical testing of endoprostheses, a more detailed
description of muscle- or joint-injuries, and design and improvement of the
treatments of motor disorders. Nevertheless, measuring the muscle forces in-vivo is
hardly possible by noninvasive methods. This explains why biomechanical models
of the neuromusculoskeletal system have been invented to estimate muscle forces
based on external measurements. To date, biomechanical models are still the only
means for the estimation of muscle forces, certainly outside laboratory conditions. In
the last few decades, a variety of models of the entire human musculoskeletal system
from simple two-dimensional (2D) to complex three-dimensional (3D) models, have
been developed (Erdemir et al, 2007; Garner and Pandy, 2001).

The shoulder joint, also sometimes called shoulder mechanism (Figure 1.1), is the
most complex while the most moveable joint in the human body. It provides a range
of motion of about 2/3 of a sphere (Engin and Chen, 1986). The shoulder complex is
composed of the thorax (partly), the clavicle, the scapula, and the humerus (or the
upper arm) as well as a number of muscles and ligaments. It comprises a closed-
chain mechanism consisting of the thorax, the clavicle, and the scapula. The clavicle
is connected to the thorax and the scapula through the sternoclavicular and the
acromioclavicular joints, respectively. The scapula is constrained to glide over the
thorax. To do so, it requires the combined action of at least two muscles that together
press the scapula onto the thorax surface. Most important pairs are the m. serratus
anterior on the lateral side and the m. rhomboideii and m. trapezius on the medial
side of the thorax.

As in all joints, changes in structure will affect function. In the shoulder, more than
in other joints, joint integrity and joint function is dependent on the accurate
function and coordination of muscles: the glenohumeral joint derives its stability to a
larger extent from muscular control, while, scapular motion is highly dependent on
the coordinated activation of (although wrongly defined) antagonist scapulothoracal
muscles. When coordination is disturbed, complications such as impingement
syndrome, or scapular dyskinesia and ultimately chronic defects such as rotator cuff
tears or arthritis might develop.
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Figure 1.1. Schematic drawings of the shoulder mechanism. The screenshots are taken from
Google Body Browser.
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It is clear that the kinematic structure of the upper limb is rather complex. The
interaction between the many degrees-of-freedom of the shoulder girdle limit the
usefulness of simple 2D models of the upper extremity and lead to complex 3D
models. These models should be complex enough to realistically replicate the
behavior of the musculoskeletal system. Few complex 3D upper extremity models
have been developed such as the Swedish model (Karlsson and Peterson, 1992;
Makhsous et al, 1999), the Newcastle shoulder model (Charlton and Johnson, 2006),
and the Delft Shoulder and Elbow Model.

The musculoskeletal model mainly used in this thesis will be the Delft Shoulder and
Elbow Model (the DSEM). This model was developed in the Man-Machine Systems
and Control Group at the Faculty of Mechanical Engineering, Delft University of
Technology. Since its first introduction in 1994 (van der Helm, 1994a) the model has
been extensively developed. To date, the DSEM has been used in a variety of
clinical and biomechanical applications such as studies on the glenohumeral loads in
weight lifting and wheelchair propulsion, tendon transfer, goal-directed arm
movements, massive rotator cuff tears, stability of cementless glenoid prostheses,
etc. In Chapter 2 of this thesis, one can find a detailed description about the DSEM
developments and the different simulation architectures available in the model as
well as a comparison between the DSEM and the other available complex models of
the shoulder.

1.2. Problem definition

A major concern in biomechanical modeling of the human body musculoskeletal
system is the model validity. We use the biomechanical models because we cannot
directly measure the muscle forces. On the other hand, to validate a model we need
to compare its predictions to real measured muscle forces. This conflict (Figure 1.2)
makes the model validation the most challenging issue in the area of
musculoskeletal modeling.

Up to date, all studies aiming to validate the biomechanical models of the shoulder
have followed two main approaches:

e The first validation approach is to compare the model “strength” to
externally, in-vivo, measured forces. In this approach the maximum force
which the model is capable of producing is compared with the maximum
force that a subject can exert on the handle connected to a force sensor. The
major drawback of this method is that only few muscles in very specific
(maximum isometric) tasks can be evaluated. Also, information about the in-
vivo measured individual muscle forces and force distribution is actually not
available.

e The second and the most frequently used approach is the force-
Electromyography (EMG) comparison. In this approach the model-
estimated force-time curves are compared to measured EMG signals. This
method has been used to evaluate the predictions of the DSEM (van der
Helm, 1994b). However, the agreement between force patterns and EMG
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can only be seen as a qualitative validation since this agreement does not
give information on the magnitude and accuracy of predicted force levels.

Not possible to
measure muscle
forces

To develop
biomechanical model

To validate model
we need muscle
force

Figure 1.2. The conflict of model validation

Recently, an implantable instrumented shoulder endoprosthesis has been developed
that is capable of measuring contact forces and moments in the glenohumeral joint
in-vivo (Figure 1.3, see reference (Westerhoff et al, 2009) and Chapter 3 for a
detailed description). The endoprosthesis has been tested and implanted in a number
of patients. Although direct measurement of muscle forces is still not possible by
this instrumented implant, it does allow for a general validation at the level of the
summed muscle forces around the glenohumeral joint.

1.3. Aim and scope

The aim of this thesis is to validate the Delft Shoulder and Elbow Model at the
levels of kinematic and dynamic models.

At the level of kinematic model, different methods for approximation of the
glenohumeral joint rotation centre will be compared and validated based on the
closeness of their estimation to the rotation centre determined on the subject-specific
CT data.

Regarding the dynamic model, the different modelling simulation architectures
available in the model will be represented and evaluated. The validity of a major
stability constraint in the model will also be (experimentally) evaluated using the in-
vivo measured glenohumeral joint reaction forces for a wide range of motion of
shoulder movements.
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Most importantly, the in-vivo measured glenohumeral joint reaction forces and
moments in the shoulder joint using an instrumented endoprosthesis will be used to
quantitatively validate the model at the level of summed muscle forces around the
glenohumeral joint.

Finally, the reasons for the possible differences between the model predictions and
the experimental data will be explored which helps to modify and individualize the
model in order to find a closer match between model and experiment.

The scope of this thesis fits very well in the developments sketched in an Editorial
published by Cutti and Veeger (2009) on shoulder biomechanics in which it was
concluded that there is a need for the general biomechanical (upper extremity)
models to be more thoroughly validated and tested.

Figure 1.3. The instrumented shoulder endoprosthesis. Picture courtesy of the Julius Wolff
Institut, Charité - Universitdtsmedizin Berlin (http://jwi.charite.de)

1.4. Outline of the thesis

This thesis concerns about model validity at different modeling levels (i.e. kinematic
and dynamic models).
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Firstly, all the DSEM developments since its first introduction are reviewed and
described in Chapter 2. In this chapter, the different simulation architectures
available in the DSEM are also extensively discussed and qualitatively validated
following a force-EMG comparison approach. Moreover, the different
biomechanical models of the shoulder are briefly introduced and compared.

In Chapter 3, the instrumented shoulder endoprosthesis is introduced. Also, a
complete description of all measured patients and the ethics statement, data
recordings, and image processing is given. This chapter represents the first time in-
vivo shoulder joint loads measured by the instrumented shoulder implant transferred
to the glenoid side. The outcomes of this chapter will be used to validate an
important stability assumption in the musculoskeletal models of the shoulder.

The thesis is followed by quantitative validations.

In Chapter 4, the different methods for the in-vivo estimation of the glenohumeral
joint rotation centers are evaluated for patients with shoulder hemiarthroplasty. Each
method is validated based on the closeness of its estimated rotation center to the one
determined on the subject-specific CT scans.

Chapter 5 deals with the first time quantitative validation of the DSEM by using the
in-vivo measured glenohumeral joint reaction forces from the instrumented shoulder
endoprosthesis. Both the magnitude of the resultant force and the direction of the
force vector toward the glenoid cavity will be compared between the model and the
experiment. The validation will be carried out for the generic model as well as the
uniformly scaled model.

The remainder of the thesis is dedicated to model adaptations and improvements.
The idea is to explore the reasons for the differences between the model predictions
and the experimental data and to adapt and modify the model in order to find a
closer match between model and experiment.

To account for possible antagonist muscle co-contraction in patients with
arthroplasty, an EMG-driven version of the DSEM is developed in Chapter 6. In that
model, the measured EMG signals will be normalized and included as input in the
modeling process. The newly developed model will also be evaluated for a selection
of patient data.

The subject of Chapter 7 is to identify the adjustable parameters of an energy-based
muscle load sharing cost function that has been shown to be promising previously
(Praagman et al, 2006) and which adjusting may result in a closer match between the
model and the experiment.

In Chapter 8, the effect of including in-vivo measured friction-induced moments as
measured with the instrumented shoulder endoprosthesis on model predictions is
studied. In that chapter, the Coulomb friction coefficient in an artificial shoulder
joint will be estimated using the in-vivo measured forces and frictional moments.

The final chapter (Chapter 9) evaluates progress and new challenges resulting from
the undertaken research and will of course highlights the main findings of the thesis.
Some guidelines are also suggested and areas for future research are recommended.
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Modified from: A.A. Nikooyan, H.E.J. Veeger, E.K.J. Chadwick, M. Praagman, F.C.T. van
der Helm, “Development of a comprehensive musculoskeletal model of the shoulder and
elbow”, under revision.

Chapter 2

A comprehensive
musculoskeletal model
of the shoulder and
elbow

The Delft Shoulder and Elbow Model (DSEM), a three-dimensional musculoskeletal
model of the shoulder and elbow has been extensively developed since its
introduction in 1994. Extensions cover both model structures and anatomical data
focusing on the addition of an elbow part and muscle architecture parameters. The
model was also extended with a new inverse-dynamics optimization cost function
and combined inverse-forward-dynamics models. This chapter is an update on the
developments of the model over the last decade including a qualitative validation of
the three simulation architectures available in the DSEM. To validate the model, a
dynamic forward flexion motion was performed by one subject, of which the motion
data and surface EMG-signals of 12 superficial muscles were measured. Patterns of
the model-predicted relative muscle forces were compared with their normalized
EMG-signals. Results showed relatively good agreement between forces and EMG
(mean correlation coefficient of 0.74). However, for some cases (three out of twelve
muscles) no force was predicted while EMG activity had been measured (false-
negatives). In this chapter, the DSEM is also compared to the other existing
comprehensive models of the shoulder.
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Nomenclature

Iy Fiber length

I Sarcomere length

Lopt Optimal fiber length

0 Reference joint angle

0 Reference joint angular velocity

] Reference joint angular acceleration

L, Muscle length

M Net joint moment

Omax Maximum muscle stress

F, Predicted muscle force

PCSA4 Muscle physiological cross sectional area

F,. Minimum permissible muscle force in the inverse optimization
Fox Maximum permissible muscle force in the inverse optimization
e Excitation dynamics

u Hypothetical neural input of the forward muscle model
a Active state

Lee Length of contractile element (CE)

M. Correction moment

0. Calculated joint angle

0. Calculated joint angular velocity

10
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2.1. Introduction

Biomechanical models can give insight into the mechanical basis of musculoskeletal
function. In the last few decades, a variety of models of the entire human
musculoskeletal system, from simple two-dimensional (2D) to complex three-
dimensional (3D) models, have been developed. However, of all these models, not
many describe the upper extremity. A major reason for this is the complex kinematic
structure of the upper limb. The many degrees-of-freedom (DOF) of the shoulder
girdle limit the usefulness of simple 2D models and lead to complex 3D models.

For clinical applications, sophisticated models are needed. Such models should be
complex enough to realistically replicate the behavior of the human musculoskeletal
system. Few complex upper extremity models have been developed such as the
Swedish model (Karlsson and Peterson, 1992; Makhsous et al, 1999) based on the
model of Hogfors et al (1991; 1987), the Newcastle shoulder model (Charlton and
Johnson, 2006), the shoulder part of the AnyBody Modeling System (Damsgaard et
al, 2006), the Stanford model implemented in SIMM (Holzbaur et al, 2005), and the
Delft Shoulder Model which is the core of this study.

The Delft Shoulder Model (DSM) as first described in 1994 (van der Helm, 1994a)
is a comprehensive 3D inverse-dynamic model of the shoulder complex in which the
recorded motions of the bony segments and external loads are used as input to the
model and muscle and joint contact forces, muscle lengths, and moment arms are
calculated as model outputs through an inverse-dynamics analysis. To qualitatively
validate the model, estimated force-time curves were compared to measured EMG
signals (van der Helm, 1994b) which showed good agreement in the timing of
muscle activations. Data for the original model were taken from references (van der
Helm et al, 1992; van der Helm and Veenbaas, 1991; Veeger et al, 1991). Later,
elbow data were added based upon a follow-up cadaver study (Veeger et al, 1997);
consequently the model was renamed to the Delft Shoulder and Elbow Model
(hereinafter the DSEM).

Following a detailed cadaver study on the shoulder (Klein Breteler et al, 1999) and
elbow (Minekus, 1997), information about muscle architecture and optimal fiber
length was additionally obtained. It was expected that this addition would lead to
improvements in the prediction of muscle forces and better insight into the
functioning of specific muscles since force-length and force-velocity relationships
could be implemented. By including the muscle dynamics, some modifications and
extensions were carried out in the model. Firstly, the inverse-dynamics model was
modified in such a way that the muscle dynamics were taken into account as
constraints on the maximum permissible muscle force during the inverse
optimization. Secondly combined inverse-forward-dynamics versions of the DSEM
(Chadwick and Van Der Helm, 2003; van der Helm and Chadwick, 2002) could be
developed. Thirdly, a new muscle load sharing cost function for inverse optimization
namely the energy-based criterion (Praagman et al, 2006) was introduced and
implemented in the model. This new cost function is based on the energy consuming
processes in a muscle needed to produce a contraction.

11
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Although the DSEM has been widely used in a number of studies, it was not
individually addressed in the literature. The aim of this chapter is to provide all
aspects and developments of the model since its original introduction in 1994,
including a qualitative validation of the three different simulation architectures
available in the DSEM (inverse dynamics optimization - IDO, inverse-forward-
dynamics optimization - IFDO, and inverse-forward-dynamics optimization with
controller - IFDOC). The model simulations will be based on a new anatomical
dataset and the application of an energy-based load sharing cost function enabled by
the addition of the muscle architecture parameters. The DSEM will also be
compared briefly to the other available biomechanical models of the shoulder.

2.2. Materials and Methods
2.2.1. Anatomical data

The geometrical data for the DSEM were taken from studies on the shoulder (Klein
Breteler et al, 1999) and elbow (Minekus, 1997) from the same specimen, a 57 years
old muscular male cadaver. In these studies a total number of 31 muscles/muscle
parts of the shoulder (23 muscles) and elbow (8 muscles) were divided into 139
elements. Joint surfaces and other bony contours were digitized for modeling using
geometrical forms. Muscle architecture parameters including tendon length,
physiological cross-sectional area (PCSA), pennation angle, and the fiber length (/)
were measured. The sarcomere lengths (/) were also measured using a laser-
diffraction technique (Young et al, 1990). Assuming an optimal sarcomere length of
2.7 um (Walker and Schrodt, 1974), the optimal fiber length (/,,) for a muscle was
calculated as:

l
bopt = 2.7li (1)

S

Since the elbow data have not yet been published other than in an internal report
(Minekus, 1997), these data are partly presented in Appendix A. These data include
the position of bony landmarks, bony contours for muscle wrapping, the values of
the muscle parameters (PCSA, mass and optimal fiber length), and the relative
muscle force-sarcomere length curves. A brief description of the measurement
methods is also given in Appendix A.

2.2.2. Kinematics

The DSEM is a finite-element model which has been implemented by building on
the software packet SPACAR (van Soest et al, 1992) for the analysis of spatial
multi-body mechanisms. For detailed descriptions of model kinematics and
implementation in SPACAR see reference (van der Helm, 1994a).

The total number of DOF of the model is 17, namely 6 for the thorax (which is
considered as the moving base), 3 for the shoulder girdle, 3 for the glenohumeral-
joint, 2 for the elbow and 3 for the wrist.

12
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There are several options to provide input to the model among which using the joint
angles is the most popular.

To calculate the glenohumeral-joint rotation center, which is necessary for
reconstruction of the local coordinate system of the humerus, the instantaneous
helical axes method (Veeger, 2000; Woltring et al, 1994) is mostly used, although
alternatives such as the use of regression equations (Meskers et al, 1998) or the
SCoRE method (Ehrig et al, 2006; Monnet et al, 2007) are also possible in the
DSEM (see Chapter 4 for a detailed description about the different methods).

For the definition of the clavicular orientation only two landmarks are generally
available, thus, the axial rotation of the clavicle is estimated by minimizing the
rotations in the acromioclavicular joint (van der Helm and Pronk, 1995).

The shoulder girdle is a closed-chain mechanism and the motions are constrained by
such factors as the shape of the thorax over which the scapula glides, the length of
the conoid ligament, the length of the clavicle, and the size of the scapula. As such,
the motions of the shoulder girdle of a measured subject cannot be exactly
reproduced by the model due to differences in the geometry between subject and
model. To ensure that all positions input to the model can actually be assumed by the
model, the measured angles are adjusted slightly to fit the constraints of the model
by minimization of the following cost function (de Groot, 1998):
2

J=W ((dc,,, Y +(dc, ) +(dc. )2) + W, ((ng,- ) +(ds, )" +(ds. )2) @)

Where dC, and dS, are the differences between the measured and optimized angles
for the clavicle and scapula around the x-axis, respectively. A similar definition is
applied for angles around the y- and z- axes. W, and W, are weight factors, and were
set at 1, resp. 2. For detailed description of the optimization procedure see Appendix
B.

2.2.3. The Inverse-Dynamics Optimization (IDO)

In the original model (DSM), the inertial forces and moments were included but
muscle dynamics were not. In the modified inverse dynamics model (IDO, Figure
2.1a) the muscle dynamics has been taken into account as constraint on the
maximum permissible muscle force (F,.,) in the inverse optimization process. The
joint angles (#;) and external loads are used as the model inputs. The outputs of the
model include muscle and joint reaction forces (F;), muscle and ligament lengths,
and muscle power.

The filtering and differentiation routines of Woltring (the GVC method) (1986) have
been implemented to calculate velocities ( 8,) and accelerations (6,) from the inputs.

The load-sharing problem is solved using a nonlinear optimization process in which
a cost function is minimized. The stress cost function (SCF) which is based on
minimization of the squared muscle stress (Crowninshield and Brand, 1981), was
originally implemented in the DSM as the default objective function, but recently a
new energy-based cost function (ECF) (Praagman et al, 2006) has been

13
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implemented. In the energy-based cost function, the energy consumption due to
calcium pumping and cross-bridge function is taken into account (see Chapter 7 for
a detailed description).

The calculated forces in the optimization process for each muscle element (m) are
bounded by the inclusion of muscle force-length relation where minimum force is
taken as zero and the maximum force is a function of maximum muscle stress (Gmax),
PCSA, and sarcomere length (/,,):

F.(1,)=1(L,)PCS4,.0,. 3)

max

where 6, is taken as 100 N/cm? (An et al, 1989). f(l,) is the normalized muscle
force—length relationship defined as a Gaussian-type shape function (see reference
(Winters and Stark, 1985) for a detailed description).

The model stability is defined as being maintained when the joint reaction force
vector is directed inside the rim of the glenoid fossa, modeled by an ellipse.

2.2.4. The Inverse-Forward-Dynamics Optimization (IFDO)

The combination of an inverse dynamic optimization approach with inclusion of the
muscle dynamics by a forward dynamic muscle model (IFDO) is an efficient way to
obtain dynamically feasible muscle forces and neural inputs. Happee and van der
Helm (1994; 1995) showed that inclusion of the muscle dynamics in the inverse
optimization had considerable effects on the model-estimations of the neural inputs
and individual muscle forces during performing goal-directed tasks.

The muscle models are required in order to account for the effect of muscle
electromechanical delays and force-velocity relationship in an inverse-dynamic
optimization. In the IFDO (Figure 2.1b) both forward and inverse muscle models are
used. As for muscle model, a three-component Hill type model (Winters, 1990;
Winters and Stark, 1985) consisting of a second-order activation dynamics part and a
first-order contractile dynamics part is being used (for a detailed mathematical
formulation of the muscle model see Appendix C).

At each time-step (i, Figure 2.1b) the calculated optimal muscle forces are
constrained by maximum (F,,) and minimum (F,;, ;) permissible values of the
muscle forces estimated by a forward muscle model with use of the muscle states of
the previous time-step (e;2, @;.1, Leei1)- At the same time-step (i), an inverse muscle
model is used to estimate the neural inputs (e.;, a;, L.;) that will be used as the
inputs to the forward muscle model in the next step (i+1). The starting position is
assumed to be quasi-static in which the initial vales of u, e, a, and L., are estimated
through a steady-state equilibrium condition. During the next time steps, the states
are updated in a dynamic optimization procedure. The values of e, a, and L are
updated iteratively while u is estimated analytically.
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2.2.5. The Inverse-Forward-Dynamics Optimization with
Controller IFDOC)

Due to discretization errors and possibly an unstable system, the motions calculated
by the forward-dynamic part in the IFDO will not be exactly the same as the
recorded motions which were input to the inverse dynamics part. Therefore, the
IFDO was modified in such a way that the difference in position and velocity will be
fed back to the inverse-dynamic model. The modified model is called the IFDO with
controller or simply the [IFDOC (Figure 2.1c) (Chadwick and Van Der Helm, 2003).
At each time step, the feedback controller will adjust the neural input signal in the
next time step by calculating a correction moment (M,) using the errors in angle and
angular velocity. Therefore, a forward-dynamic simulation will be carried out which
should result in exactly the same motion as the recorded motion. In the forward
dynamics part of the model (Figure 2.1c), the forward musculoskeletal model
developed by van der Helm and Chadwick (van der Helm and Chadwick, 2002) was
implemented. For integration of the motion equations in forward dynamics analysis,
two different algorithms namely the Adams-Moulton and Euler algorithms have
been implemented in the model. The forward dynamics simulation based on the
Euler method is up to four times faster than the Adams-Moulton algorithm, but less
stable.

In contrast to the IDO model in which each time step is considered to be
independent of the preceding time steps, in the IFDO and IFDOC analysis each
time-step is coupled to the following time-steps through sets of differential
equations.

2.2.6. Biomechanical applications of the model

The DSEM has frequently been applied. It was used to study goal directed
movements (Happee and Van der Helm, 1995), wheelchair propulsion (Van
Drongelen et al, 2005b; Veeger et al, 2002), rotator cuff tears (Steenbrink et al,
2009), tendon transfers (Magermans et al, 2004a; Magermans et al, 2004b), loads on
the arm (Praagman et al, 2000; Steenbrink et al, 2009), rotator cuff changed
following scapular neck fracture (Chadwick et al., 2004), effect of rotator cuff
dysfunctions on wheelchair propulsion (Van Drongelen et al, 2005a), weight
transfers in wheelchair users (Van Drongelen et al, 2006), and stability of cementless
glenoid prostheses (Suarez et al, 2009).

2.2.7. Evaluation of the DSEM

To qualitatively validate the three different simulation architectures available in the
DSEM (i.e. IDO, IFDO, and IFDOC), we compared EMG signals with model-
predicted muscle forces. To this end, one patient (male, 64 yr, 163 cm, 85 kg) with
shoulder hemi-arthroplasty was measured after giving informed consent.
Measurements included the recording of pose and EMG. The subject was asked to
perform a typical standard shoulder dynamic task (i.e. forward flexion motion) up to
maximum possible arm elevation angle. The speed of movement was about 0.1 Hz.
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For motion recordings, marker clusters on bony segments, including thorax, scapula,
upper arm, and forearm, were measured using four Optotrak camera bars (Northern
Digital Inc., Canada, nominal accuracy 0.3 mm) at a sampling frequency of 50 Hz.
Considering the limited range of motion of the patient we used an acromion sensor
(Karduna et al, 2001) for scapular motion tracking. Local coordinate systems of the
segments were defined according the ISB standardization protocol (Wu et al, 2005).

EMG signals of 12 superficial muscles were measured using Ambu N-00-S ECG
bipolar surface EMG electrodes and recorded by a 16-channels Porti system (TMS
International, Enschede, The Netherlands) at the sampling frequency of 1000 Hz.
The measured muscles included the trapezius ascendens, transversum, and
descendens, the infraspinatus, the deltoid anterior, medialis, and posterior, the
pectoralis major clavicular and thoracic parts, the biceps short head, the triceps
medialis, and the brachioradialis. The SENIAM recommendations (Merletti et al,
1999) were followed for the EMG sensor positioning. We visually checked the
measured signals for possible crosstalk. To determine the maximum EMG values,
maximum voluntary contractions (MVCs) were also performed.

From the segment poses, joint angles were calculated based upon the ISB-standard
and were used to run the three models. The ECF was used in all models to solve the
muscle load sharing problem in the inverse dynamic optimization. To guarantee the
stability of the forward dynamics simulations in the IFDOC, the Adams-Moulton
algorithm with an integration time-step of 0.005s was used. The individual muscle
forces as well as the glenohumeral joint reaction forces were estimated as the
outputs of the model. The calculated muscle forces were normalized (relative muscle
force) to the maximum muscle force (Equation 3).

Measured EMG’s were high-pass filtered, rectified, and subsequently low-pass
filtered. For high- and low- pass filtering, second order Butterworth filter with cut-
off frequencies of, respectively, 25 and 2 Hz were used. For each muscle, the
measured EMG was normalized with respect to the maximum value found for that
muscle during MVCs.

To evaluate the model, the time series of the relative forces and normalized EMG’s
were compared. For each muscle, the comparison was carried out for the muscle
element which was the closest to the position of the EMG electrodes on the subject’s
body. Since the time series of forces and EMG were compared, we used the bivariate
two-tailed Pearson correlation coefficient (R) as indicator of goodness of fit.
Moreover, the resultant glenohumeral joint reaction force was compared between
different modeling architectures.

2.3. Results

The simulation times for the IDO, IFDO, and IFDO were 43.3s, 68.2s, and 423.12s,
respectively.
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2.3.1. EMG-force comparison

For most conditions, the predicted forces (Figure 2.2) followed (mean R ~ 0.74) the
pattern of the EMG signals (Figure 2.3). The IDO and IFDO showed almost the
same but noticeably different results from IFDOC. In a few cases false-negatives
were found in which no muscle force (Figure 2.2) was calculated by the model while
EMG showed activity for that muscle (Figure 2.3). For IDO and IFDO models, the
false-negatives occurred for trapezius descendens, deltoid posterior, and pectoralis
major thoracic muscles. For IFDOC model, the false-negatives were related to
biceps, pectoralis major thoracic, and triceps medialis. Except for false-negatives,
three models followed the pattern of EMG signals. A very high correlation (R ~
0.97) was found between the IDO and IFDO estimated force-time curves with the
EMG signal of trapezius transversum, deltoid anterior, and triceps medialis. The
correlation between the IFDOC predictions and the EMG was relatively high (R >
0.80) for trapezius ascendens, trapezius descendens, deltoid anterior, and
infraspinatus muscles.

The results of comparing the estimated muscle force-time curves to measured EMG
signals during forward flexion motion in the current study are comparable to the
ones in the study by van der Helm (van der Helm, 1994b). In the study by van der
Helm, the comparison was performed for the inverse dynamics model and by using
the DSM original anatomical dataset and the SCF for inverse dynamics
optimization. In both studies the false-negatives occurred for deltoid posterior and
pectoralis major thoracic part (for humeral elevation < 100°). A very similar pattern
was observed in two studies for the predicted muscle forces of infraspinatus and
deltoid anterior muscles.

2.3.2. Glenohumeral joint reaction force comparison

The IFDOC predicted considerably higher (~ 26%) reaction force in the
glenohumeral joint at the peak elevation angle as compared with the IDO and IFDO
(Figure 2.4).

2.4. Discussion

This chapter aimed to, first, report about all developments of the DSEM since its
early introduction, second, to compare the force-time curves with the EMG signals
in order to qualitatively evaluate the three simulation architectures available in the
DSEM, and third to compare the DSEM with currently available large-scale
musculoskeletal models of the shoulder.

2.4.1. Evaluation of the DSEM

The qualitative validation was carried out for the generic model for one subject
performing a typical dynamic shoulder task (i.e. forward flexion). The model was
not scaled to subject’s geometry. Main reasons for this are the difficulties related to
scaling in general, but also the choice to present the model as currently and up till
now mostly used, which is not scaled, but with scaled (optimized) kinematics.
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Results (Figures 2.2 and 2.3) showed a relatively good agreement between the
model-predicted normalized forces and measured EMG of individual muscles,
although a few cases of false-negatives were observed. The IDO and IFDO showed
very similar patterns but quite different patterns from IFDOC. The predicted
glenohumeral joint reaction force by the IFDOC was also considerably higher in
comparison to the other two models (Figure 2.4).

As discussed earlier, the original DSM was previously validated by comparing the
estimated muscle force-time curves to measured EMG signals (van der Helm,
1994b). That comparison was performed using the DSM original anatomical dataset
and the SCF for inverse dynamics optimization, while the specific muscle force-
length relationship was not included in the model. In this study, the new anatomical
dataset and optimization criterion (the ECF) were used and validation was
performed for the three modeling architectures (IDO, IFDO, and IFDOC). In the
modified IDO model used for the current study, the muscle force-length
relationships were also considered in the inverse optimization.

Praagman et al (2006) compared the model predicted muscle forces to measured
muscle oxygen consumption. They used elbow isometric contractions and applied
both the SCF and ECF. They concluded that the ECF led to fewer false-negatives
and a higher correlation between predicted muscle forces and measured oxygen
consumption. In a more recent study (Steenbrink et al, 2009), it was shown that
comparing to the SCF using the ECF makes a better consistency between the
experimentally measured and model estimated so-called Principal Action. The
results of these studies suggest that the ECF would be the preferred optimization
criterion for the DSEM. Therefore, in the current study the ECF was used in the
process of model evaluation.

The IDO and IFDO predicted similar forces. Therefore, the effects of considering
the muscle force-velocity relationship in case of low-speed motions (in our case ~
0.1 Hz) are not remarkable. One would expect the muscle force-velocity relationship
to be more of influence during high-speed shoulder movements like throwing a ball
in baseball. However, the IFDOC predictions of the relative muscle forces as well as
the glenohumeral joint reaction force were considerably different from those of the
other two models. This difference between models may relate to the forward-
dynamics optimization and/or the feedback controller which may lead to calculation
of noticeably different neural inputs and/or corrected moment (Figure 2.1c). As
Heckathorne and Childress (1981) concluded, the amplitude of the surface EMG is
affected by muscle length. Therefore, the measured surface EMG can only be
applied for qualitative model validation. Nonetheless, the relative muscle forces
close to one as predicted by I[FDOC for trapezius ascendens, trapezius transversum,
and deltoid anterior do not seem to be realistic.
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Figure 2.4. The predicted resultant reaction force in the glenohumeral joint (GH-JRF) by the
IDO, IFDO, and IFDO models versus arm elevation angle during forward flexion motion.

On the other hand, in a recent study (Nikooyan et al, 2010) and in an attempt to
quantitatively validate the DSEM, the glenohumeral-joint reaction forces estimated
by the IDO model were compared to those simultaneously measured by the
instrumented shoulder implant (Westerhoff et al, 2009). The results of that study (see
also Chapter 5) showed that the generic IDO model generally underestimates the
glenohumeral-joint reaction forces during standard dynamic tasks such as abduction
and forward flexion. According to the results of the current study, the IFDOC
predicts higher glenohumeral joint reaction forces during dynamic motions like
forward flexion compared with the IDO. This means that the IFDOC can potentially
be a better candidate for modeling dynamic tasks. However, we still cannot trust the
IFDOC predictions of individual muscle forces. Therefore a rigorous validation of
the IFDOC model is still required for a decisive conclusion. Moreover, one should
note that the IFDOC needs much more (i.e. 10 times more) simulation time than the
IDO.

2.4.2. Comparing different models

When the DSEM is compared to other sophisticated shoulder models (Table 2.1)
some differences can be discerned:

In contrast to the DSEM in which the motions of the scapula and clavicle are used as
inputs, the Swedish Shoulder Model (SSM), Newcastle shoulder model (NSM), and
the SIMM model use the ‘shoulder rhythm’ as input for scapular motions. While this
is practical since kinematic data collection is highly simplified, the downside of that
option is the limitation of their use to applications where scapular motion is not
disturbed.
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For optimization most models use the quadratic cost function, although the SSM
also uses the so-called soft-saturation criterion (Siemienski, 1992). The AnyBody
and Delft models use also the min/max (Rasmussen et al, 2001) and energy-based
criteria, respectively, as optimization cost function.

For the SSM, the predicted forces and the normalized EMG patterns of four muscles
of the shoulder have been compared (Jarvholm et al, 1989; Jarvholm et al, 1991).
Most importantly, results showed significant differences above 60 to 90 degrees
humeral elevation during abduction.

The Newcastle shoulder model (NSM) is based to a large extent on the same data as
the DSM, but also includes data from reference (Johnson et al, 1996). Although the
muscle force predictions from NSM have been compared with those of DSM and
SSM, there is no individual report on validation of the model.

The AnyBody shoulder model uses the original anatomical dataset of the DSEM but
its structure is slightly different: the scapulothoracic-gliding plane and wrapping
contours for the deltoid muscle have differently been modeled. The validation of the
model was performed for wheelchair propulsion (Dubowsky et al, 2008).

Comparing to the other models, the SIMM model (Holzbaur et al, 2005) is rather
simplified since it accounts for only 9 muscles of the shoulder. The number of
muscles is similar (=16) for the other models except for the model by Graner and
Pandy (2001) (the subclavius is also included in that model).

The relatively new developed model by Blana et al (2008) uses the new DSEM
anatomical dataset and optimization criterion, but the SIMM algorithms for
calculating muscle wrapping paths rather than those of SPACAR. The model can be
used in both inverse and forward dynamics analyses, and was evaluated by force-
EMG comparison for standard dynamic and activity of daily living tasks using a
similar method to that described here.

Despite all its advantages, the DSEM does not offer any Graphical User Interface
(GUI). Although there is a MATLAB routine to plot the model outputs, no visual
interface exists for modeling purposes like the one in the commercial simulation
environments like AnyBody and/or SIMM.

2.5. Conclusions

This study was an update on the developments of a sophisticated musculoskeletal
model of the entire shoulder and elbow, the Delft Shoulder and Elbow Model, over
the last decade including a qualitative validation of the three simulation architectures
(IDO, IFDO, and IFDOC) available in the model. The DSEM was also compared to
the other existing comprehensive models of the shoulder. Following conclusions can
be drawn from this study:
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Table 2.1. Comparing different sophisticated musculoskeletal shoulder models

Shoulder model Anatomical data No. Scapular/clavicular kinematics Load sharing
muscles criteria
Delft model (van der Helm, (Klein Breteler et al, 16 scapular/clavicular rotations as model - quadratic
1994a) 1999) inputs
- energy-based
Swedish model (Karlsson and (Hogfors et al, 1987) 16 regression model for shoulder thythm - quadratic
Peterson, 1992) .
- soft saturation
Austin model (Garner and Pandy,  Visible Human Male 17 scapular/clavicular rotations as model -
2001) Project Dataset inputs
SIMM model (Holzbaur et al, (Langenderfer et al, 2004) 9 regression model for shoulder rhythm - quadratic
2005)
Newecastle model  (Charlton and (Johnson et al, 1996; van 16 regression model for shoulder rhythm - quadratic
Johnson, 2006) der Helm et al, 1992)
AnyBody Model  (Damsgaard et al, (van der Helm et al, 1992) 16 regression model and/or - quadratic
20006) scapular/clavicular rotations as inputs .
- min/max
Cleveland model  (Blana et al, 2008) (Klein Breteler et al, 16 regression model for shoulder rhythm - energy-based
1999)
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The developed model has capability of inverse-, forward-, and combined inverse-
forward dynamics analysis and has potential to be recruited in different clinical and
biomechanical applications.

e For more realistic predictions, it is recommended to use the new anatomical
dataset and the new developed (energy-based) load sharing cost function.

e Arelatively good agreement was found between model-predicted forces and
measured EMG signals.

o The IDO and IFDO predicted similar forces. Therefore, the effects
of considering the muscle force-velocity relationship in case of low-
speed motions were not remarkable.

o The IFDOC predictions were considerably different from those of
the other two models. The IFDOC can potentially be a better
candidate for modeling dynamic tasks. However, a rigorous
validation of the IFDOC is still required for a decisive conclusion.

e The DSEM is one of the most comprehensive existing shoulder models.
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2.7. Appendix A — Parameters of the elbow
2.7.1. Measurement of the geometrical parameters

All muscles of the elbow were dissected from the cadaver after they were divided in
multiple parts. The elbow muscles which pass through the hand were cut at the level
of the retinaculum flexorum and extensorum. The geometrical parameters including
the origins and insertions of the muscles and ligaments, the shape and position of the
bony contours, the rotation centers of the joints, and the position of the anatomical
landmarks (Figure A1, Table A1) were measured using a 3-D digitizer (Pronk and
Van der Helm, 1991). Before dissection, at least four metal screws were put in all
segments of the specimen and the positions of all these screws were measured in the
intact body. From those measurements the global coordinate system and relative
orientations of all segments were obtained. In subsequent measurements with the
digitizer, the positions of the geometrical parameters were determined in their local
coordinate systems as defined with the aforementioned screws and subsequently
transformed from the local to the global coordinate system. The shape and position
of the bony contours which determine the wrapping objects for the muscles (Table
A2) were estimated by a least squares method. The flexion and pronation axes
(Table A3) were calculated on the basis of screw axes. To determine the flexion axis,
the orientation screws of the humerus (fixed to a frame), and ulna were measured at
different elbow flexion angles. The rotation matrices and axes for each set of
measurements were calculated by using the method in reference (Veldpaus et al,
1988). The averaged rotation axis was then used as the elbow flexion axis. For the
pronation axis, the radius was fixed to a frame and the orientation screw of the ulna
and radius were measured at different pronation angles. Similar calculations as for
the flexion axis were used to determine the pronation axis.

ELJQL

AN

Figure Al. Palpable anatomical landmarks on the humerus, ulna and radius.
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Table A1 - Positions of palpable bony landmarks (BL) on the Humerus, Ulna, and Radius in
the global coordinate system defined in reference (Klein Breteler et al, 1999)

BL X(m) Y(cm) Z(cm)
Epicondyle medialis (EM) 15.66 -30.79 10.56
Epicondyle lateral (EL) 21.53 -30.21 7.15
Olecranon (OL) 18.97 -30.23 10.58
Styloideus Ulnae (SU) 21.54 -55.71 3.39
Styloideus Radii (SR) 17.29 -55.01 0.01

Table A2 - Bony contours. [dy d, d,] is the direction of the central axis of the cylinder; [Py Py
P,] is the coordinate of an arbitrary point on the central axis of the cylinder; R is the
radius. All values are in cm.

Wrapping Bony Py Py P, dy d, d, R
object structure

Cylinder I  Radius 1992 -3532 579 0.0993 0.9003 04239 0.92
Cylinder 2 Ulna 1936 -30.80 9.02 0.8531 0.0183 -0.5108 1.90
Cylinder 3 Ulna 1936 -30.80 9.02 -0.8531 -0.0183 0.5108 1.50
Cylinder 4 Radius 19.79 -43.87 3.87 0.0186 09767 0.2136 0.90
Cylinder 5 Ulna 20.77 -51.88 3.88 -0.1157 0.9547 0.274  0.70

Cylinder 6  Radius 19.28 -40.60 3.49 -0.1481 -0.8839 -0.4436 0.71

Table A3 — The position ([P, Py P,]) and orientation ([d, dy d.]) of the functional axes of
rotation of the elbow. All values are in cm.
Flex.: Flexion, Ext.: Extension, Pro.: Pronation, Sup.: Supination

Rota.tlon Bony P, P, P, d, d, d,
axis structure
Flex./Ext. humerus-ulna 1936 -30.80 9.02 0.8531 0.0183 -0.5108
Pro./Sup. ulna-radius 20.11  -32.27 6.87 -0.0604 0.9874 0.1465

2.7.2. Measurement of the muscle parameters
2.7.2.1. Sarcomere length

Sarcomere length was measured by the laser diffraction method. In this method,
light is diffracted due to passing of the laser through the muscle fiber. The laser tube
is positioned at a fixed distance from the wall on which the sarcomere length can be
read from the calibrated scale. Measurement samples of the muscle fiber bundles
with 1cm length were prepared. At each cross-section, about 10 fibers were selected.
The samples were thin enough to let the laser light to shine through them. Before
starting the measurements, it was checked that as long as the measuring sample is
not pulled during the measurement, the sample preparation does not affect the
sarcomere length. Considering the variations of the sarcomere length through the
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muscle fiber (up to about 0.2um), the sarcomere length was measured at different
places over the muscle fiber where the average value was used as the mean
sarcomere length. The number of sarcomere was then calculated by dividing the
measured muscle fiber length by the calculated mean sarcomere length.

The relative maximum forces as well as the actual sarcomere length of each muscle
element were calculated at five flexion postures from 0 to 120° with the step of 30°
while forearm was supinated. The relative force-sarcomere length curves of all
elements of the biceps breve and anconeus muscles are, respectively, shown in
Figures A2 a and b.

2.7.2.2. Muscle length, mass, and PCSA

For each muscle element, the length (/,) between the two markers put at the origin
and insertion was measured. From each muscle element, three fiber bundles were
dissected and their lengths (/) were measured. The tendon length (/,) was calculated
as the difference between the total muscle length and the fiber length:

L= 1y~ I (A1)

The mass of the muscle bellies without the tendons was measured as the muscle
mass (m). The specific density of the muscles (J) were previously measured by
(Klein Breteler et al, 1999). Considering that the volume of the muscles remains
constant during the contractions, the physiological cross sectional area (PCSA4) was
calculated as follows:

m

PCSA =~ (A2)

“Yopt
Where, [, 1s the optimum fiber length.

The measured muscle parts of the elbow and their origins and insertions are
summarized in Table A4. In Table A5, the muscle parameters of all elbow muscle
elements including PCSA, mass and optimum fiber length are also given.

Table A4 - Measured muscle parts of the elbow and their origins and insertions

Muscle No. elements Origin Insertion
m. biceps caput longum (BL) 1 humerus radius
m. biceps caput breve (BB) 2 scapula radius
m. triceps caput longum (TRL) 4 scapula ulna
m. triceps caput mediale (TRM) 5 humerus ulna
m. triceps caput laterae (TRLT) 5 humerus ulna
m. brachialis (BR) 7 humerus ulna
m. brachioradilais (BRD) 3 humerus radius
m. anconeus (ANC) 5 humerus ulna
m. supinator ulna-rad (SUP) 5 ulna radius
m. pronator quadratus (PQ) 3 ulna radius
m. pronator teres hum-rad (PT hum) 1 humerus radius
m. pronator teres ulna-rad (PT uln) 1 ulna radius
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Biceps, breve

relative force

05k
0 1 2 3 4 5
sarcomere length (microm.)
Anconeus
1
0.5

relative force
(@]

'1 5 1 1 1 1

0 1 2 3 4 5
sarcomere length (microm.)

Figure A2 - Relative maximum forces vs. sarcomere length in all elements of the (a) biceps
caput breve and (b) anconeus muscles. The numbers 1 to 5 on each subfigure stand for the
positions during flexion from 0 to 120 degrees (with step of 30 degrees) while the forearm is
supinated.
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Table A5 - Muscle parameters including PCSA, mass, and optimum fiber length

Muscle Element no. PCSA (cm’) Mass (gr)  Opt. fiber length (cm)
BL 1 3.47 66.20 12.92
BB 1 1.73 20.79 11.70

2 3.22 31.07 11.49
TRL 1 2.23 26.97 10.08
2 2.96 29.55 8.81
3 2.83 29.64 11.83
4 3.27 32.03 12.26
TRM 1 2.63 18.40 8.07
2 2.56 17.65 7.73
3 2.40 11.95 6.02
4 2.11 13.95 7.46
5 1.07 7.70 8.07
TRLT 1 1.53 12.50 7.58
2 4.10 33.20 7.66
3 2.19 15.20 6.56
4 2.75 16.20 6.38
5 0.87 5.85 6.38
BR 1 3.14 29.10 8.76
2 1.58 15.90 9.53
3 1.57 14.65 8.70
4 0.87 7.00 7.58
5 1.01 6.60 6.19
6 1.04 4.10 4.72
7 1.18 6.50 6.21
BRD 1 0.30 4.70 16.13
2 0.82 14.00 16.13
3 0.52 5.97 10.66
ANC 1 0.31 0.83 2.52
2 0.70 1.50 2.02
3 0.25 0.60 2.28
4 1.18 2.20 2.70
5 1.18 3.33 2.66
SUP 1 0.47 0.84 2.67
2 2.32 3.64 1.48
3 1.26 3.36 2.52
4 1.48 2.96 2.63
5 2.85 6.76 2.74
PQ 1 0.73 1.63 3.77
2 1.78 3.47 3.86
3 2.19 4.93 3.52
PT hum 1 5.10 27.50 5.10
PT uln 1 1.41 4.33 3.91
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2.8. Appendix B — Kinematic optimization

The morphology of the cadaver from which the geometrical parameters of the model
were obtained may differ from the morphology of a measured subject. Important
factors are the size of the scapula and clavicle, the shape of the thorax over which
the scapula glides, and the length of the conoid ligament. If the model is not scaled
to subject-specific geometrical parameters, the measured (Cardan) angles of the
scapula and clavicle (with respect to the thorax) from the measured subject may
result in model positions where the medial border of the scapula and the surface of
the thorax do not fit and also the conoid ligament may have a non-physiological
length. Therefore, there is a need to find the optimal model input angles which not
only fit the model constraints but also have the smallest difference with the actually
measured angles.

In the model, the clavicle is defined by the rotation centers of the sterno-clavicular
(SC) and the acromio-clavicular (AC) joints and the origin of the conoid ligament.
Four points including the trigonum spinae (TS) angulus inferior (Al), the AC, and
the insertion of the conoid ligament define the scapula. Using the measured
orientation of the scapula and clavicle, the constraints of the closed-chain
mechanism are met and the differences between the subject’s and model orientation
are minimized. These constraints include:

- the distance between the surface of the thorax (which is modeled as an ellipsoid,
see reference (Klein Breteler et al, 1999)) and the points TS and Al must remain
constant

- the length of the conoid ligament ( = 18.33 mm) must remain constant.

The position of the shoulder girdle is determined by minimizing the differences (d)
between measured and optimized angles for the scapula and clavicle around the
global x- (dS, and dCy), y- (dS,and dC,), and z- (dS. and dC.) axes as follows:

J=W ((dCx ) +(dc, ) +(dC. )2)+ w, ((de Y +(ds, ) +(ds, )2) (B1)

Where W, and W, are weight factors. The choice of the relative weight factors is
subjective. The accuracy of estimation of the clavicular or scapular angles depends
on these weight factors. de Groot (1998) concluded that using W, =1 and W, = 2
resulted in a slight improvement on the average scapular angles and notable
improvement on the average axial rotation of the clavicle, when compared with
actually measured angles.
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2.9. Appendix C — The muscle model
The muscle model (Figure C1) consists of different parts as follows.

1) The activation dynamics part (Figure C1b) is a second-order system and includes
the neural excitation (#) and calcium dynamics. The excitation (e), is analogous to
the pulse transmissions along the nerves or action potentials along the muscle fibers
(EMG) and is defined as the input to the model (assumed to be constant in each
time-step) while the outputs of the model are the spatial positions of the bony
segments. The excitation dynamics (e) is related to the neural excitation () through
a first-order relation as follows:

(CD

where 7, (~0.04 s) is the neural excitation time-constant. Values of both u and e are
restricted to the interval (0, 1).

The activation (a), which physiologically is interpreted as the calcium flow through
the muscle membrane, is modeled by two first-order systems including muscle
activation (calcium in-flow) and deactivation (calcium out-flow):

(C2)
where 7 is the time constant which can be either used for muscle activation (7, ~

0.01 s) or deactivation (Zgeset ~ 0.05 s).

2) The contractile dynamics part (Figure C1b) defining the muscle-tendon complex
is a nonlinear first-order system and consists of a contractile element (the muscle
fibers, CE) in series with an elastic element (a spring-like tendon, SE). The muscle
force-length and force-velocity relationships have been implemented in the CE.

2.1. force-length relationship (Fcr)

The normalized force-length relationship is described by a Gaussian equation as
follows:

I —1

Fiep (ICE) = cos(a).exp[—uj (C3)
CEsh

Where:

o is the pennation angle which is function of the length of the contractile element
(lcE):

a = Sin o (C4)
ZCE
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Figure C1 - (a) Schematic of the muscle model (reproduced from reference (Engin and
Chen, 1986)), and (b) the activation and contraction dynamics parts of the muscle model.
CE: contractile element, SE: series-clastic element, PE: parallel viscoelastic element

The bipennate muscle architecture is modeled with a constant dj as:

dy =1,sina, (Cs)
ly is the optimum fiber length (optimum length of the CE).

lcgs 18 the shape parameter determining the width of the force-length curve.

Having the lengths of the CE (/cr) and tendon (/,), the length of the SE (/sg) can be
calculated as:

lsg =1, —cos(@ g — 1 (C6)

Where /,, is the muscle length.

2.2. force-velocity relationship (F,cr)

Fce(a, lce, vee ) is the normalized force from the force-velocity relationship. In the
muscle model, the contraction velocity of the CE (v¢g) is derived by inverting the
force-velocity curve:

VenVimax (E/CE (a, legsver ) - 1)

. Fcg (aslegver )+ Vo 7
CE =

VoV s1Vmax (FVCE (asICEaVCE)_l) |<F ... <F
vCE = *'mf

F.cp (a7ZCE »VCE ) +Voxsn

0< Fop <1
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Where
Va (= 0.25) is the Hill shape parameter of the force-velocity curve.
Vi is the shape parameter of the lengthening curve.

Vexsn and vy, are calculated as follows:

Vewn = =1=A+Vy V)V =1) (C8)
and

Var = Vo (L= Vi + VeraFiop (log ) (C9)
Where

Vim (~ 25 rad/s) is the initial value of the maximum contraction velocity, and
V. is scaling parameter.

The muscle force produced in the contractile part (Fsg) is calculated as follows:
Fgp = Fop = Kgpy (eXp<KSE2lSE) - 1) (C10)

The SE element is modeled with a non-linear spring in which:

E

Kop, = ———mar Cl11
SE1 exp (SES}L - 1) ( )
and
SE.
Kopy = —30 Cl12
SE2 SExm ( )
Where

SE,, (= 3) is the shape parameter of the curvature of the exponential slope, and
SE\ (~ 0.0201 m) is the stretch of the SE element with maximum isometric force.
3) The parallel viscoelastic element (PE)

The force produced in the PE element (Fpg) is a function of the muscle length and
velocity and is calculated in a similar way to F as follows:

Fpp = Kpm (GXP(KSEQ)-Q(IVIPE0> -1 (C13)
where

F 1
Kpp) = ——"——= (C14)

exp (PESh — 1)

and
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PE sh
PE xm

Kppy = (C15)

PE, is the shape parameter,
PE,,, is the maximum extension of the PE element,

Ipro 1s the muscle rest length (maximum length when Fpp = 0)

2.9.1. The input variables

The values for time-constants (z,e, Tucr, Taeae:) @nd the other parameters (Ve Vi, SEsp,
SE.,) were adopted from the studies by Winters and Stark (1985; 1988).

The real muscle inputs are the pulse trains for different motor units. Nevertheless, it
is not possible to record all these pulse trains. Therefore, a neural input («) is defined
representing the relative muscle force with respect to the maximum possible force
during an isometric contraction. A measured EMG signal normalized to its

maximum can be used as an average neural excitation (e) across different muscle
fibers.

At each time-step, the neural excitation is calculated in an iterative procedure from
the neural inputs at the previous step. The initial values are estimated in the quasi-
static position and through the steady-state equilibrium process.
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Chapter 3

In-vivo measured
glenohumeral contact
forces on the glenoid

This chapter aims to represent the in-vivo measured contact forces in the shoulder
joint on the glenoid. A recently developed instrumented shoulder endoprosthesis
allows for the in-vivo measurement of the glenohumeral joint contact forces on the
humeral head. However, these contact forces were measured in the implant-based
coordinate system. In this study, in-vivo measured forces were transferred from the
instrumented implant to the glenoid. Motion data and external loads as well as the
in-vivo glenohumeral joint contact forces of six patients with an instrumented
shoulder hemiarthroplasty were recorded while performing loaded and unloaded
dynamics tasks (including abduction and forward flexion), quasi-static force tasks,
and activity of daily living tasks (including washing axilla and perineal care). The
processed motion data and patient-specific CT-images were used to calculate the
transformations needed to transform force data from the implant-based local
coordinate system (in which the forces were originally measured) to a glenoid-based
system. The trajectory of the glenohumeral joint reaction force vector through the
articular surface of the glenoid was estimated from the transferred forces. Except for
few cases, the force trajectory was inside the glenoid rim for most (~ 86 %) of the
measured patients and tasks. Large interindividual differences were observed for the
trajectory of the glenohumeral joint reaction force inside the glenoid. The results
support the validity of the stability assumption in the biomechanical models of the
shoulder upon which the joint reaction force is constrained inside the glenoid rim.
The 14% situations where the force points outside the glenoid can only be explained
by errors in the image processing and/or motion recordings. The magnitude of the
resultant glenohumeral joint reaction force for each subject was also normalized
with respect to the body weight (BW). The results of a one-way repeated analysis of
variance (ANOVA) showed a significance effect of shoulder movement on the
magnitude of the resultant joint reaction force.
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3.1. Introduction

Shoulder joint is the most moveable while one of the most complex joints in the
human body. It allows for a wide range of motion. As properly phrased by Veeger
and van der Helm (2007) the shoulder joint is “a perfect compromise between
mobility and stability”. Clinically, instability is equal to joint dislocation. A spherical
ball-and-socket joint like the glenohumeral (shoulder) joint is clinically defined as
‘stable’ when the humeral head (the ball) is compressed in the glenoid cavity (the
socket). Glenohumeral joint stability is preserved by the muscles and ligaments
surrounding the joint.

Accurate estimation of muscle function and related forces in the human
musculoskeletal system is essential for improving implant design and testing. The
force data could also be useful to advise patients and medical staff as to what
motions are suited for training during the rehabilitation process or should better be
avoided. To date, biomechanical models are the only means for the estimation of the
muscle forces due to our inability to in-vivo measure these forces.

In the biomechanical models of the shoulder (Damsgaard et al, 2006; van der Helm,
1994a), glenohumeral joint stability is maintained by constraining the direction of
the glenohumeral joint reaction force vector inside the rim of the glenoid fossa
which is usually modeled by an ellipse. This constraint is applied as a nonlinear
inequality in the inverse dynamics optimization (muscle load sharing) process.

Other than the magnitude of the loads on the shoulder joint, the direction of the
reaction force vector is of great importance. Resultant forces will be mechanically
the same in magnitude on both the humeral and glenoid side of the glenohumeral
joint. The force direction, however, is an important factor for the possible
development of the complications of the glenoid component in the shoulder
arthroplasty. One of these complications is the “Rocking Horse Effect” (Franklin et
al, 1988). In the rocking horse glenoid, contact forces which are applied in the
periphery of the glenoid surface, mostly resulting from rotator cuff tears, produce a
superior displacement of the humeral head. Franklin ef a/ (1988) showed a close
correlation between superior migration of the humeral head and the degree of
glenoid loosening.

Several studies have focused on the measurement of contact pattern in the
glenohumeral joint. To determine the contact patterns during abduction up to 90°
arm elevation, Warner et al (1998) observed in a cadaver study that the contact area
was limited to the central glenoid with a slight posterior shift. A number of studies
have tried to measure the glenohumeral joint contact pattern in-vivo. In those
studies, the glenohumeral joint contact patterns have been estimated by combining
the glenohumeral joint motion measured from the biplane X-rays and the subject-
specific CT-images. In that technique, at each time-step of the measurement, the
point on the humeral head which has the minimum distance to the articular surface
of the glenoid is estimated and assumed to be the contact point. Boyer et al (2008)
studied the contact pattern in five healthy subjects during performing static
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abduction (at 0° 45°, and 90°) combined with maximal external/internal rotation.
They found large interindivual differences for contact points inside the glenoid
fossa. Bey et al (2010) also used bi-planar fluoroscopy to in-vivo measure the
glenohumeral joint contact pattern on patients with repaired and/or contralateral
shoulders during abduction up to 120° arm elevation. Although these studies could
successfully represent the contact points in the glenohumeral joint, they did not
provide any information about either the magnitude or direction of the contact
forces.

A recently developed instrumented shoulder endoprosthesis (Westerhoff et al,
2009a) now allows for in-vivo measurement of the glenohumeral joint contact
forces. However, the in-vivo forces are measured in the local coordinate system of
the humeral head. The goal of the current study was to transfer the in-vivo measured
forces from the instrumented implant to the glenoid. Synchronously captured motion
data and patient—specific CT images were used for this transformation.

The importance of representing the measured joint contact forces on the glenoid is
threefold:

e First, a stability assumption in the biomechanical models of the shoulder
upon which the joint reaction force is constrained inside the glenoid rim (see
Chapter 2) is evaluated using in-vivo measured forces.

e Second, the stability of the shoulder joint can be assessed during different
shoulder motions within normal physiological range.

e Third, transferred forces can be used in the validation process of the
biomechanical models of the shoulder (see Chapter 5).

3.2. Materials and Methods
3.2.1. Ethics Statement

The ethical committee of the Freie Universitit Berlin and Charité-
Universitditsmedizin Berlin gave permission for clinical studies using the
instrumented endoprosthesis as well as related patient CT-images. Before surgery,
patients were informed on the aims and procedures of all measurements after which
they agreed by signing an informed consent to participate and having their images
published.

3.2.2. Subjects

Six patients (Table 3.1) with an instrumented shoulder hemiarthroplasty (Westerhoff
et al, 2009a) participated. Implantation was based upon the diagnosis of
osteoarthritis with no serious rotator cuff damage. The surgical approach was
deltopectoral and no nerve was damaged during the operation.
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Table 3.1. Detailed information for the measured subjects. (F: female; M: male)

Subj. Sex Age Height Weight Implant  Implant head

(yr.) (cm) (kg) side radius (mm)
S1 F 73 168 72 Left 24.0
S2 M 64 163 85 Right 22.0
S3 F 83 152 52 Right 22.0
S4 F 68 163 107 Right 24.0
S5 M 69 173 93 Right 24.0
S6 M 74 173 83 Right 25.0
Mean 71.8 165.3 82.0 23.5
(SD) i (6.6) (7.9) (18.7) i (1.1)

3.2.3. CT-imaging

Before and after joint replacement, 3D CT-scans of the subjects’ upper extremity
were obtained using a 64-slice CT scanner (Toshiba Aquilion 64, TMSE, The
Netherlands) with slice thickness of 0.5 mm. Subject S3 (Table 3.1) was the only
exception for whom only pre-operative CT data were obtained. The CT-imaging was
carried out in Charité Department of Radiology CCM, Berlin. All CT scans were
taken in a supine position.

3.2.4. Motion and force data collection

Motion recordings were performed at the VU Amsterdam, department of Human
Movement Sciences. Measurements comprised the collection of motion data and
external loads as well as in-vivo glenohumeral joint reaction forces (GH-JRF).

The measured tasks consisted of standard Range-of-Motion recordings that
comprised unloaded and loaded (with a 2.4 kg dumbbell) abduction-adduction and
forward flexion (and returning to normal position), quasi-static force tasks, and
activity of daily livings (ADL) including washing axilla and perineal care. The
patients warmed up prior to measurements. They were also trained to perform the
tasks for several times and in case of dynamic motions to elevate their arms up to
maximum possible range (o,.x, Table 3.2).

To perform the force tasks, subjects were asked to hold a handle attached to the
force sensor and isometrically apply forces in up-down, forward-backward, and
latero-medial directions. An AMTI 6-DOF force sensor (Advanced Mechanical
Technology, Inc., USA, nominal accuracy 0.1 N) was used to measure external
forces and moments.

In the calibration process, the spatial positions of anatomical landmarks on bony
segments (Table 3.3) were recorded relative to technical marker clusters on those
segments. The anatomical landmark selection was based on the ISB standardization
protocol for upper extremity (Wu et al, 2005). The glenohumeral joint rotation
center, which was necessary for reconstruction of the local coordinate system of the
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humerus but could not be palpated in-vivo, was estimated using the Instantaneous
Helical Axes (IHA) method (see Chapter 4 for detailed descriptions about this
method).

Table 3.2. The maximum recorded arm eclevation angle (o,.x) for the measured subjects
during performing unloaded and loaded abduction (Abd and AbdL) and forward flexion (FF
and FFL) motions. All values are in degrees. (L: loaded)

Subj. Abd FF AbdL FFL
S1 85 115 70 75
S2 120 130 110 120
S3 85 95 50 50
S4 85 85 65 65
S5 60 60 45 40
S6 115 120 110 120

mean 92 101 75 78

(SD) (22) (26) (29) (34)

Table 3.3. The palpated anatomical landmarks in the calibration process.

Bony segment Palpated landmark Abbreviation
Thorax Incisura Jugularis 1
Processus Xiphoideus PX

Processus Spinosus

of the 7th cervical vertebra c7
Processus Spinosus T8
of the 8th thoracic vertebra
Clavicle Most ventral point on the
. . SC
sternoclavicular joint
Most dorsal point on the
. ; . AC
acromioclavicular joint
Scapula Angulus Acromialis AA
Trigonum Spinae TS
Angulus Inferior Al
Most ventral point of processus
. PC
coracoideus
Humerus Most caudal point on medial
. EM
(upper arm) epicondyle
Most caudal point on lateral
. EL
epicondyle
Forearm Most caudal-lateral point on the
. . SR
radial styloid
Most caudal-medial point on the SU

ulnar styloid
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During motion recordings, marker clusters on bony segments were measured using
four Optotrak (Northern Digital Inc., Canada, nominal accuracy 0.3 mm) camera
bars at a sampling frequency of 50 Hz. Each cluster marker was built of three
markers. Considering the limited range of motion of the patients (Table 3.2) we used
cluster markers on the acromion (scapula-sensor) (Karduna et al, 2001; van Andel et
al, 2008), for scapular motion tracking.

To measure the forces in the glenohumeral joint, a BIOMET Biomodular shoulder
hemi-prosthesis was equipped with 6 strain gages, a 9-channel telemetry, and a coil
for inductive power supply (Figure 3.1a) (Westerhoff et al, 2009a). The in-vivo
measured contact forces were transferred to the external measuring equipment
(Figure 3.1b). The in-vivo measured forces were synchronized and re-sampled with
the motion recording frequency (i.e. 50 Hz) to allow for further processing. For
synchronization, the trigger signal from the Optotrak system was used.

3.2.5. CT-image processing

Subject-specific CT images were used to calculate inter-coordinate transformations.
Mimics medical image processing software (version 13.1, Materialise, Leuven,
Belgium) was used to process the CT-Scan images.

Image processing was performed manually. To calculate the accuracy of manual
point positioning on the CT images in Mimics, a set of six anatomical landmarks (1J
on the thorax, AA, TS, and Al on the scapula, EM and EL on the humerus) were
pointed on the CT images based on the information provided in the ISB
standardization proposal (Table 3.3). This procedure was performed twice. The
differences between the corresponding landmarks in the two sessions were
calculated and the maximum value across all subjects (0.83 mm) was defined as the
accuracy.

The implant-based coordinate system (Westerhoff et al, 2009a) (Figure 3.1a) was
reconstructed on the post-operative CT scans of all subjects except S3.

The local coordinate systems of the humerus (Figure 3.2a) and scapula (Figure 3.2b)
were reconstructed following the ISB standardization protocol definitions. To this
end, anatomical bony landmarks on the humerus (Figure 3.2a) including EL and EM
as well as scapula (Figure 3.2b) including AA, Al, and TS were located on the
images.

The position of the glenohumeral joint rotation center (GH) which is needed to
determine the local coordinate system of the humerus was determined on the CT
scan images using the method proposed and used in (van der Helm et al, 1989). To
this end, approximately 50 points on the glenoid surface were determined on the
segmented glenoid for each subject. A sphere with the fixed radius of the implant
head (see Table 3.1) was fitted to the obtained data points on the glenoid surface by
applying a least square criterion (Veeger, 2000). The center of the fitted sphere was
defined as the anatomical center of rotation (see section 4.2.4, Chapter 4, for more
detailed description).

46



In-vivo measured glenohumeral contact forces on the glenoid

Strain gauges
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9-channel telemetry
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system
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Figure 3.1. The instrumented shoulder hemiarthroplasty (a) the cross-sectional view of the
internal measuring system (Picture courtesy of the Julius Wolff Institut, Charité -
Universitdtsmedizin Berlin) (b) the external measuring equipment.
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To determine the local coordinate system of the glenoid, an ellipse was fitted to the
data points obtained from the rim of the glenoid by using the method developed by
Andrew et al (1999). The minor and major axes of the fitted ellipse were defined to
be respectively the x- and y- axis of the local coordinate system of the glenoid
(Figure 3.2c). The z-axis was consequently defined by using the x- and y- axes.

For S1, who has an endoprosthesis in her left shoulder (Table 3.1), all raw measured
data were mirrored with respect to the sagittal plane and subsequently treated as a
right shoulder.

3.2.6. Transformations

The in-vivo GH-JRFs are basically measured in the implant-based coordinate system
(Figure 1a). To represent the measured forces in the local coordinate system of the
glenoid (Figure 2c), three steps of inter-coordinate transformations were carried out
as follows:

1. Rotations between the implant-based and the humeral coordinate system
("R"), were obtained from the subject specific post-operative CT-image
processing (see section 2.2) and formulated as follows:

}I,Ri:/LRg.gRi:(th,)T'l{]Ri (1)
Where R" and ®R’ are, respectively, the orientations of the humerus and the
implant in the global (i.e. CT-image) system.

For subject S3 for whom the post-operative CT-data were not available, the
retroversion angle (= 30°) mentioned in the surgical report was used.

2. Rotations between the humeral and the scapular coordinate system (‘R")
were calculated in each time-frame (¢) by kinematic analysis of the recorded
motion data from the technical markers on the humerus and scapula and
formulated as follows:

BN =R () B0 = ("R 0) R () 2)
Where R'(f) and R’(?) are, respectively, the orientations of the scapula and
humerus in the global (i.e. lab) system at each measured time-frame ().

The local coordinate system definitions of the humerus and scapula were
determined following the ISB standardization protocol definitions.

3. Rotations between the scapular and the glenoid coordinate system (¥'R%)
were obtained from the subject specific CT-image processing (see section
2.2.) and formulated as follows:

VR = 9R9 IR = ('RY) IR 3)

where R¢' and *R® are, respectively, the orientations of the glenoid and
scapula in the global (CT-images) system.
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Using the three above-mentioned rotations, the final rotation matrix (¢R'(¢)) at each
measured time-frame (¢) was defined to rotate the measured forces from the implant-
based (F}) to the glenoid (F;) coordinate system as follows:

glRZ(t): glesRh(t)th (4)

9l pi
F,=-"R-F, 6]
where the negative sign in Equation 5 means that the transferred force is the

“reaction force” acting on the glenoid component.

The intersection points of the GH-JRF vector through the articular surface of the
glenoid were estimated from the compressive and shear components of the
transferred forces on the glenoid.

3.2.7. Statistical analysis

The magnitude of the measured resultant GH-JRF was normalized with the respect
to the body weight (BW) for each subject. The normalized forces were averaged
across all subjects and compared between different shoulder tasks (Figure 3.3). To
evaluate the effect of shoulder movement on the significance of the differences in
the magnitude of the resultant GH-JRF, a one-way repeated analysis of variance
(ANOVA) was used. The significance level was set to a = 0.05.

3.3. Results
3.3.1. Direction of the GH-JRF vector

Expect for few cases (i.e. S2 abduction, S4 abduction, S1 washing axilla and
perineal care, S4 washing axilla, and S3 perineal care), for most (~ 86%) of the
patients and shoulder tasks, the trajectory of the GH-JRF vector stayed inside the
glenoid rim (Figures 3.4 to 3.7).

For all shoulder tasks, a large variability was observed among different patients for
the trajectory of the GH-JRF vector inside the glenoid fossa (Figures 3.4 to 3.7). In
case of dynamic tasks, however, a good agreement was found between the force
trajectories in loaded and unloaded motions for individual subjects (Figures 3.4a and
3.4b, 3.5a and 3.5b).

3.3.2. Magnitude of the resultant GH-JRF

On average across all subjects, the magnitude of the normalized resultant GH-JRF
was the smallest (= 0.44 BW) for the ADL tasks but the largest (= 1.50 BW) for the
force tasks (Figure 3.3).

For dynamic motions (both loaded and unloaded), the maximum GH-JRF occurred
at the peak abduction angle (Table 3.2) for all measured subjects.

49



Forces in the Shoulder Joint: on validation of musculoskeletal shoulder models

Figure 3.2. The local coordinate system of the (a) humerus, (b) scapula, and (c) glenoid, on
the CT-images.

The results of the statistical analysis revealed a significant effect of shoulder
movement on the magnitude of the resultant GH-JRF (Fs30 = 10.26, p < 0.01). As
can be appreciated from Figure 3.3, the GH-JRF for the ADL tasks (Wash and Peri)
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were smaller than the other tasks. For the dynamic tasks (Abd, and FF), the GH-
JRFs were lower than their loaded counterparts (AbdL and FFL). The highest GH-
JRF was found for FT. No remarkable difference was observed between the
following pairs of shoulder tasks: unloaded abduction and forward flexion, loaded
abduction and forward flexion, and loaded dynamic and force tasks (Figure 3.3).

2.5 4
2 4
1.5 A
=
Q
g
[T
1 4
O 1 T T T T T T
Wash Peri Abd FF AbdL FFL FT

Figure 3.3. The maximum recorded resultant GH-JRF (F ) with respect to the body weight
(BW) averaged across all measured subjects during performing different shoulder tasks
given in Body Weight (BW) (Wash: ADL washing axilla, Peri: ADL perineal care, Abd:
abduction unloaded, FF: forward flexion unloaded, AbdL: abduction loaded, FFL: forward
flexion loaded, FT: force task).
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Figure 3.4. The trajectory of the GH-JRF vector inside the glenoid fossa for six measured
subjects during (a) unloaded and (b) loaded abduction-adduction motion. s: starting point, e:
ending point. solid ellipse: glenoid rim without labrum, dashed ellipse: glenoid rim + labrum
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Figure 3.5. The trajectory of the GH-JRF vector inside the glenoid fossa for six measured
subjects during (a) unloaded and (b) loaded forward flexion and backing to normal position.
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Figure 3.6. The trajectory of the GH-JRF vector inside the glenoid fossa for six measured
subjects during (a) washing axilla and (b) perineal care.
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Figure 3.7. The trajectory of the GH-JRF vector inside the glenoid fossa for six measured
subjects during static force tasks in up-down, for-backward, and lateral-medial directions.

3.4. Discussion

In this study, the in-vivo measured contact forces in the glenohumeral joint were
represented on the glenoid. The trajectory of the glenohumeral joint reaction force
vector through the articular surface of the glenoid was estimated from the
transferred forces.

3.4.1. Direction of the GH-JRF vector

Except for few cases, the GH-JRF vector pointed towards the glenoid cavity for
most of the patients and subjects (Figures 3.4-3.7). These findings support the
stability assumption according to which the direction of the GH-JRF should be
constrained inside the glenoid fossa to maintain the joint stability.

No physical interpretation exists for intersection points lying outside the glenoid rim
as was observed for few cases in Figures 3.4a and 3.6. Theoretically, this should
lead to a dislocation of the joint. Dislocation of the humeral head is not incorporated
in the kinematic model in which the recorded forces in the implant are being
transformed to forces in the glenoid. If the humeral head is dislocated and only
connects to the glenoid rim, a joint reaction force will still exist. However, the
orientation of this joint reaction vector is biased towards the center of the glenoid,
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and could not explain any orientation outside the glenoid. The only remaining
explanation could be measurement errors in the procedure to calculate the glenoid
joint reaction force vector. Considering that three sets of transformation from
implant to glenoid coordinate system were used, there is possibility for errors in any
of transitional stages:

Error in image processing and/or educational guess in case of lack of CT data could
be a potential source of observed behavior. An example is subject S3 for whom the
post-operative CT data was not available and the angle of retroversion of the
humeral (implant) head was assumed to be equal to the one stated in the surgical
report. We can show the sensitivity of the position of the intersection of the GH-JRF
vector and the glenoid fossa to the variation in retroversion angle during performing
a standard task like forward flexion (Figure 3.8a). As can be appreciated from
Figure 3.8a, a plus/minus 10° variation in the retroversion angle shifts the force
trajectory supero-anteriorly/infero-posteriorly inside the glenoid. Another example is
the effect of potential error in estimating the rotation angles between the scapula and
the glenoid in case of subject S2. For this subject only the post-operative CT data
was available. Due to the high contrast of the implant it was difficult to segment the
posterior part of the glenoid. Figure 3.8b shows that +£10° variation in glenoid tilt
angle could bring the force trajectory completely inside the glenoid rim or pushes it
more toward outside the glenoid rim. Except for these examples, the chance of large
errors in our image processing is very low and potential errors are likely not to
exceed 10 degrees.

Errors may also occur during either motion recording or in estimating the rotation
angles between humerus and scapula for which the local coordinate systems are
based on bony landmarks. We have compared (see Chapter 4) two different methods
for the estimation of the glenohumeral joint rotation centers (including THA and
SCoRE). The results revealed that, although, the estimated glenohumeral joint
rotation center by the IHA method was significantly closer to the one obtained from
CT-data compared to the SCoRE method, however, still an average Euclidian
distance of about 15 mm existed between the estimated and the geometric center of
rotation (see Table 4.2, Chapter 4). Such error may cause difference in the
orientation of the humeral head derived from measured bony landmarks and the
ones determined on the CT images and consequently can affect the position of the
intersection of the GH-JRF vector and the glenoid cavity. The potential errors are,
however, likely not to exceed few degrees.

As mentioned before (section 3.2.5), to determine the local coordinate system of the
glenoid, we fitted an ellipse to the data points obtained from the rim of the glenoid.
However, one should note that the labrum was not included in that fitting. Therefore,
it is likely that including the labrum (dashed ellipses in Figures 3.4-3.7) can
potentially increase the mechanical contact area and help to solve the problem in
case of for example S1 and S4 during washing axilla (Figure 3.6a) or S3 during
perineal care (Figure 3.6b).
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Figure 3.8. The effect of variations in the rotation angles on the position of force trajectory
inside the glenoid (a) S3 during unloaded forward flexion and (b) S2 during unloaded
abduction. retrov.: retroversion angle. The positive rotation is counterclockwise and the
negative one is clockwise.
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Although the instrumented endoprosthesis has reported to be well calibrated
(nominal accuracy ~ 0.02 N) (Westerhoff et al, 2009a) and in-vivo measured contact
loads by this implant are used as our ‘golden standard’ for model validation
throughout this thesis. However, one may still give, even small, chance to potential
errors in measuring the contact forces in-vivo, especially at low forces in the resting
position. This could be the case for S4 during unloaded abduction (Figure 3.4a)
where the contact points in resting positions lye outside the glenoid area. For this
subject the measured force in the humeral coordinate system had a very small (close
to zero) Y-component (Figure 3.2a) compared with the other two components. This
causes a close to zero Z-component (Figure 3.2¢) in the glenoid coordinate system
in resting position which pushes the force trajectory outside the glenoid rim.

Interindividual variability

For all tasks, a large variability for the GH-JRF pattern inside the glenoid was
observed in this study (Figures 3.4 to 3.7). At this moment, few explanations do
exist for such phenomenon. Interindividual variability in bony and muscular
anatomy seems to be a potential source of the observed variability. Such variability
can also be seen in other studies. Assuming the point of application of the joint
contact force to be the same as the contact point between the articular surfaces of the
proximal and distal segments, one will be able to compare the results of different
studies. Using modeling simulations, van der Helm (1994b) showed that the
intersection of the GH-JRF vector and the articular surface of the glenoid should be
close to the anterior border of the glenoid rim during unloaded abduction while it
should be more posterior during unloaded forward flexion motion (Figure 3.9a).
Nevertheless, the position of the contact points was found to be close to center of the
glenoid in the cadaver study by Warner et al (1998). The glenohumeral contact
pattern during abduction, in contrast to what van der helm reported, was completely
posterior (Figure 3.9b) in the in-vivo study by Bey et al (2010). However, their
observation of the effect of the humeral elevation angle on the superior-inferior
contact position agrees with that by van der Helm. Similar to our observations in
this study, Boyer et al (2008) found a large interindividual variability for the contact
pattern in five measured healthy subjects. The contact point at 90° humeral elevation
angle during performing abduction was all over the place inside the glenoid (e.g.
middle inferior, middle, middle posterior, anterior-inferior, and superior-posterior) in
five different subjects.

The dispersion of the points of application of the GH-JRF inside the glenoid fossa
can be related to the range of motion. As illustrated in Figures 3.4 and 3.5, the most
scattered force trajectory during unloaded abduction motion is related to S2 who
showed the largest range of motion (Table 3.2) while S5 with the smallest range of
motion showed the most concentrated force trajectory during both unloaded
abduction and forward flexion. By comparing the loaded and unloaded motions for
each subject (Figure 3.4a and b, 3.5a and b), one can also see that the force
trajectory inside the glenoid was less scattered when performing a loaded task
compared with an unloaded one. This is because subjects generally had a smaller
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range of motion during loaded motions (Table 3.2). Nonetheless, this hypothesis
cannot explain some other observations: for example, the maximum arm elevation
for S4 is about 70% of the corresponding value for S2 and S6 during forward
flexion motion while a more dispersed force pattern inside the glenoid is observed
for S4 (Figure 3.5).
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Figure 3.9. (a) Intersection of the GH-JRF vector and the articular surface of the glenoid for
unloaded (x) abduction and (o) forward flexion at different humeral elevation angles,
reproduced from reference (van der Helm, 1994b). (b) The glenohumeral joint contact
pattern for repaired and contralateral shoulder during unloaded abduction motion, adopted
(and modified) from reference (Bey et al, 2010)
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3.4.2. Magnitude of the resultant GH-JRF

The measured force magnitudes (Figure 3.3) were in the range of previously in-vivo
measured dynamic (Bergmann et al, 2007) and ADL (Westerhoff et al, 2009b) tasks.
The results of the current study showed that the glenohumeral stability does not
depend on the magnitude of the net joint reaction force acting on the glenoid. The
maximum measured GH-JRF during unloaded forward flexion reached 1.83 BW (~
1500 N) on patient S6 which was about than 4 times larger than the one for S3 (~
400 N). However, both subjects showed almost the same force trajectory inside the
glenoid fossa. The same is also true for the quasi-static force tasks. This means that
when the magnitude of the resultant GH-JRF increases, only the compressive
component of the GH-JRF vector is notably increases to preserve the joint stability.

The results of this study (Figure 3.3) showed that standard dynamic tasks like
abduction and forward flexion motions were relatively heavy-duty for patients with
shoulder implant compared with ADL tasks like washing axilla. This may, partly,
explain the limited range of motion (Table 3.2) of the shoulder during performing
abduction and/or forward flexion in our patients.

In contrast to some model calculations (Poppen and Walker, 1978; Terrier et al,
2008), the joint load still increased after exceeding the horizontal plane (i.e. arm
elevation angle > 90°) in both abduction and forward flexion motions (see also
Chapter 5). However, this could only be seen in some patients (i.e. S1, S2, and S6)
due to the limited range of motion in our patients (Table 3.2). Increasing the
measured GH-JRF above the horizontal plane may have been caused by antagonist
muscle co-contraction in order to provide the joint stability in arm elevations above
90°, where the arm behaves like an inverted pendulum.

The transformations used in the current study to represent the in-vivo measured
contact forces in the glenoid cavity can also be used to transfer the measured contact
moments. Besides the measurement of forces, the instrumented shoulder implant is
also capable of measuring (friction-induced) moments on the implant. These
moments, together with the contact forces presented in the glenoid system can be
used to estimate the friction coefficient in the artificial joint (see Chapter 8).

3.5. Conclusions

The first time, in-vivo shoulder joint loads were represented on the glenoid side.
Following conclusions can be drawn from this study:

e Within a wide range of motion of the shoulder movements, the direction of
the GH-JRF vector pointed towards the glenoid cavity for most of the
patients and shoulder movements. One may conclude form this that the
stability assumption according to which the direction of the GH-JRF should
be constrained inside the glenoid fossa to maintain the joint stability, is a
valid assumption. The 14% situations where the GH-JRF points outside the
glenoid cannot be explained mechanically.

60



In-vivo measured glenohumeral contact forces on the glenoid

e Large interindividual differences were observed for the trajectory of the
glenohumeral joint reaction force inside the glenoid. Such variability has
also been seen in other studies. Interindividual variability in bony and
muscular anatomy seems to be a potential source of the observed variability.

e In contrast to previous model simulations, the magnitude of the resultant
GH-JRF still increased after exceeding the horizontal plane during
performing standard dynamic tasks. This may be caused by muscle co-
contraction to preserve the joint stability for humeral elevation above 90°.

e The transformations used in the current study can also be used for some
future applications:

o Validation process of the biomechanical models of the shoulder,

o Transfer of the measured contact (friction-induced) moments in the
instrumented shoulder implant which together with the contact
forces presented in the glenoid system can be used to estimate the
friction coefficient in the artificial joint.
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Chapter 4

Glenohumeral joint
rotation center for the
patients with implant

Determination of an accurate glenohumeral-joint rotation center (GH-JRC) from
marker data is essential for kinematic and dynamic analysis of shoulder motions.
Previous studies have focused on the evaluation of the different functional methods
for the estimation of the GH-JRC for healthy subjects. The goal of this chapter is to
compare two widely used functional methods namely the instantaneous helical axis
(IHA) and symmetrical center of rotation (SCoRE) methods for estimating the GH-
JRC in-vivo for patients with implanted shoulder hemiarthroplasty. The motion data
of five patients were recorded while performing three different dynamic motions
(circumduction, abduction, and forward flexion). The GH-JRC was determined
using the CT-images of the subjects (geometric GH-JRC) and was also estimated
using the two IHA and SCoRE methods. The rotation centers determined using the
IHA and SCoRE methods were on average 1.47+0.62 cm and 2.07+0.55 cm away
from geometric GH-JRC, respectively. The two methods differed significantly (two-
tailed p-value from paired t-Test ~ 0.02, post-hoc power ~ 0.30). The SCoRE
method showed a significant lower (two-tailed p-value from paired t-Test ~ 0.03,
post-hoc power ~ 0.68) repeatability error calculated between the different trials of
each motion and each subject and averaged across all measured subjects (0.62+0.10
cm for IHA vs. 0.43+£0.12 cm for SCoRE). It is concluded that the SCoRE was a
more repeatable method whereas the IHA method resulted in a more accurate
estimation of the GH-JRC for patients with endoprostheses.
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4.1. Introduction

According to the International Society of Biomechanics (ISB) recommendation for
the upper extremity (Wu et al, 2005), the glenohumeral joint rotation center (GH-
JRC) is needed to define the local coordinate system and longitudinal axis of the
humerus. The GH-JRC is impossible to palpate in-vivo and, thus, needs to be
estimated.

A variety of methods have been developed for the estimation of the kinematic joint
rotation centers of ball joints (Ehrig et al, 2006). For estimation of the GH-JRC,
various methods have been introduced and used such as regression models
(Campbell et al, 2009; Meskers et al, 1998a), spherical-fit (Halvorsen et al, 1999),
instantaneous helical axis (IHA) (Veeger, 2000; Woltring et al, 1985; Woltring et al,
1994), symmetrical center of rotation (SCoRE) (Ehrig et al, 2006; Monnet et al,
2007), bias compensated (Halvorsen, 2003), and least-square methods (Chang and
Pollard, 2007; Gamage and Lasenby, 2002). Nevertheless, there is disagreement
about either “repeatability” or “accuracy” of those methods for approximation of the
kinematic GH-JRC. The first indicates the interindividual repeatability of a method
for different trials of a specific arm motion. The “accuracy” of a method has been
defined as the closeness of the estimated rotation center to a reference which is
mostly considered as the geometrical center of rotation.

As for repeatability, Stokdijk et a/ (2000) applied three methods, including a linear
regression model, a spherical-fit, and the IHA method to calculate the GH-JRC in-
vivo. They concluded that the sphere-fit and ITHA methods gave almost identical
results, but different to the regression method. They preferred the IHA over the
spherical-fit due to its shorter calculation time. Monnet et al (2007) used the SCoORE
method for in-vivo estimation of the GH-JRC and compared it with the [HA method
and concluded that SCoRE was a more repeatable method.

The studies who evaluated the accuracy of the different methods may be divided into
the in-vitro and in-vivo studies:

The in-vitro studies have been carried out on cadavers. Veeger (2000) compared the
kinematic and geometric GH-JRC based on a cadaver study. He showed that the
calculated GH-JRC using the IHA method was very close (< 2 mm) to the geometric
center of rotation which was defined as the center of the sphere fitted to the glenoid
surface with the radius of the humeral head (van der Helm et al, 1989).

In the in-vivo studies (Campbell et al, 2009; Lempereur et al, 2010), the geometric
(anatomical) GH-JRC determined on the subject specific CT/MRI-images were used
as the reference for evaluation of the accuracy of the functional methods for
estimation of the kinematic GH-JRC. Campbell ef a/ (2009) used MRI images to
evaluate a newly developed regression model. In the most comprehensive study
(Lempereur et al, 2010), five different functional methods including IHA, SCoRE,
bias compensated and two least square methods were compared based on the
Euclidian distance between the kinematic GH-JRC and the geometrical GH-JRC
pointed on the MRI images. Based on the results of reference (Lempereur et al,
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2010), the SCoRE method approximated the geometrical GH-JRC more accurate
than the IHA method. However, in contrast to the results of study by Monnet et a/
(2007), the IHA method was the method which showed higher repeatability.

All the aforementioned in-vivo studies were carried out on healthy subjects.
Nevertheless, based on our best knowledge, no functional method for in-vivo
estimation of the GH-JRC has yet been evaluated for patients with endoprostheses
for whom the displaced rotation centers may occur. In the current study we will
focus on the two recently most debated methods i.e. the IHA and the SCoRE. The
aim of this chapter is to evaluate the repeatability as well as the accuracy of the IHA
and SCoRE methods for in-vivo estimation of the kinematic GH-JRC for the patients
who carry the shoulder hemi-endoprosthesis. The repeatability of each method will
be accessed across different motion trials for each subject. To evaluate the accuracy,
the geometric GH-JRC determined on the post-operative CT-scan images of the
patients will be used as the reference of comparison.

4.2. Materials and Methods

4.2.1. Subjects

Five subjects with instrumented shoulder hemi-arthroplasty (S1, S2, S3, S5, and S6,
Table 3.1, Chapter 3) participated in the experiments. For the Ethics Statement and
detailed descriptions about the participants see sections 3.2.1 and 3.2.2, Chapter 3.

4.2.2. CT-imaging
For the detailed description about the CT imaging see section 3.2.3, Chapter 3.
4.2.3. Motion data collection

Measurements included calibration, static, and dynamic trials. The dynamic tasks
included circumduction, abduction-adduction, and forward flexion (arm elevation
and return to the initial position).

The speed of the movements on average across all subjects was about 0.17 Hz (one
cycle every 6 s). The subjects were asked to perform the abduction and flexion tasks
up to maximum possible arm elevation. However, the measured subjects showed
relatively limited elevation capacity (see Table 3.2, Chapter 3).

For the detailed description about the motion data recordings see section 3.2.4,
Chapter 3.

4.2.4. Geometric GH-JRC

A cross-platform image processing software, namely the Delft Visualisation and
Image processing Development Environment (DeVIDE version 9.8., Delft, the
Netherlands) (Botha and Post, 2008), was used to process the post-operative CT-
Scan images.
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To calculate the accuracy of point positioning on the CT images in DeVIDE, a set of
six anatomical landmarks (incisura jugularis on the thorax, angulus acromialis,
trigonum spinae, and angulus inferior on the scapula, epicondyle medialis and
lateralis on the humerus) were pointed on the CT images based on the information
provided in the ISB standardization proposal (Wu et al, 2005). In the next step, the
software was reloaded and the same bony landmarks as the last step were re-pointed
on the CT scan images. Finally, the differences between the corresponding
landmarks in the two sessions were calculated and the maximum value across all
subjects (0.621 mm) was defined as the accuracy.

The image processing was performed manually. The anatomical bony landmarks on
scapula including Angulus Acromialis (AA), Angulus Inferior (Al), and Trigonum
Spinae (TS) were located on the images. The ISB standardization proposal was used
for definition of the anatomical bony landmarks as well as the local coordinate
definitions.

Alternative image processing software namely Mimics (version 13.1, Materialise,
Leuven, Belgium) was also used for positioning of the anatomical landmarks. Since
Mimics is more user-friendly and segmentation is easier controllable, we wanted to
be certain that the originally used method (DeVIDE) provided trustable data. So, this
process might probably be called a check on the reliability of segmentation and
landmark identification. The maximum differences between the results in the two
software (DeVIDE and Mimics) across all subjects did not exceed 2 mm. The
landmarks identified in DeVIDE were used for further processing.

The geometric GH-JRC was determined on the CT scan images by using the method
proposed and used in references (van der Helm et al, 1989; van der Helm et al,
1992). van der Helm et al (1989) showed that the surfaces of the glenohumeral joint
are two concentric spheres and defined the center of sphere fitted to the glenoid
using a constant radius equal to the radius of the humeral head. This definition was
also used to determine the geometric GH-JRC in references (Meskers et al, 1998a;
van der Helm et al, 1992). The method by van der Helm et al is, however, slightly
different from previous studies (Campbell et al, 2009; Lempereur et al, 2010) in
which the geometric GH-JRC was considered to be the center of the sphere fitted to
the congruent surface of the humeral head. If the glenoid and humerus surfaces are
congruent and in close contact, there should be no difference between both methods.

In order to find the radius of the humeral in previous studies (Campbell et al, 2009;
Lempereur et al, 2010; van der Helm et al, 1992), the positions of some points were
determined on the caput humeri and subsequently a sphere was fitted to the data
points using the least square method. However, in case of our patients, the radius of
the humeral head will be equal to the radius of the implant head. Therefore, having
the values of the implant head radius (Table 3.1, Chapter 3), about 50 points on the
glenoid surface (including the labrum) were determined on the segmented CT
images of each subject. A sphere with the fixed radius of the implant head was fitted
to the obtained data points on the glenoid surface by applying a least square criterion
(Veeger, 2000). The center of the fitted sphere was defined to be the geometric GH-
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JRC. The fitted sphere was also visualized on the CT images in the Mimics software
(Figure 4.1) to check the correctness of the mathematical calculations.

In contrast to subjects S1, S2, S5, and S6, for subject S3 the pre-operative CT data
were used since post-operative images worked out to be unobtainable. For this
subject, the rotation center was determined using the known geometry of the
humeral head and the shape of the glenoid, assuming a tight contact between the
two. As a check, we compared the segmented glenoid on the pre- and postoperative
images for subjects S1, S5, and S6 and did not observe any changes in the shape of
the glenoid and/or scapula.

Figure 4.1. Visualization of the sphere fitted to the glenoid in Mimics software for S6.

4.2.5. Kinematic GH-JRC
4.2.5.1. The THA method

In the THA method (for details see references (Woltring, 1990; Woltring et al, 1985;
Woltring et al, 1994)), at each time frame of the data recording, the position vector
(p) of an instantaneous helical axis (Figure 4.2) is calculated using the relative
position vector (s) as well as the angular velocity vector () of the markers on the
upper arm with respect to the markers on the scapula as follows:
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s=p+oX pT )
OR)

Where o is calculated from the rotation matrix (R) of the upper arm with respect to
the scapula and its numerical derivative (R ) as follows:
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The optimal pivot point (i.e. Poy, Figure 4.2) which is the closest point to all
calculated helical axes is estimated by using the least squares optimization method

developed by Woltring (1990). The estimated pivot point is defined as the kinematic
joint rotation center.

501
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Figure 4.2. Typical example of the calculated instantaneous helical axes for Cir, Abd, and
FE motions in the xy-plane.

4.2.5.2. The SCORE method

The SCoRE method (for details see references (Ehrig et al, 2006; Monnet et al,
2007)) is based on the assumption that the position of the joint rotation center should
remain constant relative to the distal and proximal segments during performing a
joint movement. As for the GH-joint, such assumption will mathematically result to
the following linear least square problem:
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Where:

R;; and R;; are, respectively, the rotation matrices of the upper arm (humerus) and
scapula in the global coordinate system at time frame 1.

p»; and p;; are, respectively, the position vector of the humerus and scapula in the
global coordinate system at time frame i.

rc;, and rc, are the position vector of the joint rotation center in the local coordinate
system of the humerus and scapula, respectively.

4.2.5.3. Estimation of the kinematic GH-JRC

The kinematic rotation center was calculated using both IHA and SCoRE methods.
The position of the marker clusters on scapula and upper arm while performing
dynamic trials were used. Similar to the previous studies who compared the IHA and
SCoRE methods (Lempereur et al, 2010; Monnet et al, 2007) and in line with
recommendations of Begon et al (2007) for estimation of kinematic rotation center
of the hip joint, three sets of kinematic data were used to find the joint rotation
center as follows:

- Dataset 1 (Cir): one trial of arm circumduction motion

- Dataset 2 (FE/Abd): combination of one trial forward flexion (arm elevation
and backing to the initial position) and one trial arm abduction/adduction

- Dataset 3 (FE/Abd/Cir): combination of one trial forward flexion, one trial
abduction/adduction, and one trial circumduction

For each dataset, six trials were measured and used.

All kinematic data were filtered using a second order low-pass digital Butterworth
filter with cutoff frequency of 3 Hz (~18 times larger than the speed of movement).
Due to the sensitivity of the IHA method to the angular velocity (o, Equation 2),
only the angular velocities more than 10% of peak angular velocity (®m., the
highest norm angular velocity in the signal) were applied.

4.2.6. Repeatability of the methods

The repeatability of the methods was evaluated in the same way as in references
(Lempereur et al, 2010; Monnet et al, 2007) based on the repeatability error (i.e. e,
Table 4.1). The location of the GH-JRC in the space (x, y, z) was calculated with the
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two methods. For each type of motion dataset (1, 2, or 3) and each subject, the
repeatability error (e) was defined as follows:

1/2

e:[ > SD? 4)

i=2,y,2

Where SD, is the standard deviation of the estimated GH-JRC locations in the x-
direction among all six trials in each dataset. The same definition applies to the y
and z directions.

The lower repeatability error means more repeatability for a method.

4.2.7. Accuracy of the methods

The accuracy of each method was accessed by calculation of the Euclidian distance
(i.e. d, Table 4.2) between the estimated and the geometric GH-JRC, as was carried
out by Lempereur et al (2010). To allow for a direct comparison between the
estimated and geometric GH-JRC, they should be represented at the same coordinate
system. Using the three scapular bony landmarks (AA, TS, and Al) on the CT-scan
images and experimental data, the local coordinate system of the scapula was
defined as the reference coordinate system. The direction of the scapular coordinate
system axes was chosen similar to previous studies (Monnet et al, 2007; Stokdijk et
al, 2000) with the x-axis pointing to the right, the y-axis pointing upward, the z-axis
pointing backward, and the origin at AA. The scapular coordinate system obtained
from the in-vivo measurements was aligned to the one derived from the CT images
using the optimization method described by Veldpaus et al (1988). The AA point
was selected as the basis point for transformations between the two local coordinate
systems. The kinematic GH-JRCs were then transferred to the aligned coordinate
system.

4.2.8. Statistical analysis

Two-tailed paired Student’s t-Test was used for statistical analysis. The threshold for
statistical significance was considered as 0.05. Post-hoc statistical power analysis for
two-tailed Student's t-Test was carried out in order to evaluate the power of test with
low number of subjects (n =5).

4.3. Results
4.3.1. Repeatability of the methods

Comparison of the repeatability error (e) for the three datasets in each method and
for all subjects showed that the minimum value for the average error was 0.62 and
0.43 cm for the IHA and SCoRE methods respectively (Table 4.1).
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Table 4.1. The repeatability error (e) for the IHA and SCoRE methods. All values are in cm.

THA SCoRE
Cir FE/Abd  FE/Abd/Cir Cir FE/Abd  FE/Abd/Cir
S1 .02 092 0.74 0.80  0.83 0.57
S2 081  0.77 0.51 0.57 044 0.29
S3 096  0.53 0.57 090  0.76 0.48
S4 078  0.84 0.55 0.53  0.56 0.47
S5 021 098 0.72 030 044 0.32
mean 076  0.81 0.62 0.62 0.6l 0.43
(SD) 032)  (0.17) (0.10) 0.24)  (0.18) (0.12)

4.3.2. Accuracy of the methods

Differences up to 2.26 cm (TS point for S1, Table 4.2) appeared between the
calibration positions of the in-vivo measured and CT-pointed bony landmarks.
Although most data for subject S4 (Table 3.1, Chapter 3) were also available,
however, these data had to be left out because of a large deviation between the in-
vivo measured lay-out of the scapular landmarks and those as measured on the CT-
scan. This amounted to a difference of more than 5 cm between the positions of Al
in the two systems. We decided not to reconstruct this point because of the possible
extra errors that this reconstruction might add.

The estimated kinematic GH-JRC for the IHA was on average 1.47 cm away from
the geometric GH-JRC. For the SCoRE value this amounted to 2.07 cm (Table 4.2,
Figure 4.3).

The closest GH-JRC predicted by IHA method had a distance of about 0.76 cm from
the geometric GH-JRC while the best point estimated by the SCoRE method
differed about 1.08 cm from the CT-estimated JRC, both related to S1 (Table 4.2).

The distance between the kinematic GH-JRCs calculated using the IHA and SCoRE
methods for motion datasets Cir, FE/Abd, and FE/Abd/Cir was, respectively, 0.83
cm, 0.50 cm, and 0.78 cm. The same quantities were reported to be, respectively,
1.41 cm, 0.72 cm, and 0.46 cm in reference (Monnet et al, 2007). The mean
difference between the two methods in the study by Lempereur ef al (2010) was 0.48
cm.

4.3.3. Statistics

The difference between the IHA and SCoRE method for the distance to the
geometrical GH-JRC (d) was significant (two-tailed p-value ~ 0.02, post-hoc power
~ 0.30, Table 4.3) for Dataset 3 (FE/Abd/Cir).
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Table 4.2. The 3D positions of the scapular anatomical landmarks as well as the kinematic and geometric GH-JRC. All values are in cm.
Kin.: kinematic, d: the Euclidian distance between the kinematic and the CT-based GH-JRC.

Anatomical Landmarks Geometric Kinematic GH-JRC
AA TS Al GH-RC IHA SCoRE
CT Kin. CT Kin. CT Kin. CT Cir FE/Abd FE/Abd/Cir Cir FE/Abd FE/Abd/Cir

S1 X 0 0 -9.13 -11.24  -11.12 -11.57 1.31 1.35 0.69 0.66 1.18 0.48 0.72
y 0 0 0 0.78 -10.48 -9.96 -2.83 -3.19 -2.72 -2.69 -2.76 -2.9 -2.85
f4 0 0 0 -0.25 0 0.19 -3.12 -3.98 -3.55 -3.49 -4.19 -5.38 -4.99
d - 0 - 2.26 - 0.71 - 0.93 0.76 0.76 1.08 2.41 1.96
S2 X 0 0 -11.77  -10.85 -12.80 -11.94 -0.45 0.66 0.55 0.54 0.02 -0.05 -0.04
y 0 0 0 1.48 -10.45 -11.00 -2.89 -3.8 -3.56 -3.63 -4.14 -3.06 -3.61
z 0 0 0 -0.25 0 0.19 -2.45 -2.14 -3.24 -2.64 -2.96 -4.28 -3.64
d - 0 - 1.76 - 1.04 - 1.47 1.44 1.25 1.43 1.88 1.45
S3 x 0 0 -1248 -1245 -12.35 -12.05 -0.95 0.06 -2.01 -1.9 -1.13 -1.28 -1.23
y 0 0 0 0.32 -15.02 -14.67 -3.29 -5.57 -4.24 -4.39 -6.78 -4.7 -5.4
z 0 0 0 0 0 0 -343 -3.33 -2.6 -2.81 -4.73 -3.95 -4.21
d - 0 - 0.32 - 0.46 - 2.5 1.64 1.58 3.73 1.54 2.26
S4 x 0 0 -1196 -11.13  -13.16 -13.26 1.39 0.46 0.44 0.46 0.62 1.24 1.04
y 0 0 0 0.47 -11.47 -12.64 -2.82 -3.55 -4.5 -3.69 -3.47 -4.75 -4.33
z 0 0 0 0 0 0 -4.22 -3.82 -4.3 -3.84 -3.54 -3.26 -3.36
d - 0 - 0.95 - 1.17 - 1.25 1.93 1.33 1.21 2.16 1.77
S5 x 0 0 -10.58 -10.00 -11.69 -11.62 -0.50 -1.72 -1.69 -1.69 -1.91 -1.43 -1.53
y 0 0 0 1.20 -10.85 -12.10 -2.54 -5.36 -3.77 -4.61 -6.64 -4.55 -4.97
z 0 0 0 0 0 0 -2.83 -2.29 -2.32 -2.30 -3.18 -1.23 -1.62
d - 0 - 1.33 - 1.25 - 3.12 1.78 2.44 4.35 2.73 2.90
mean Xx 0 0 -11.18  -11.13  -12.22 -12.09 0.16 0.16 -0.40 -0.39 -0.24 -0.21 -0.21
y 0 0 0 0.85 -11.65 -12.07 -2.87 -4.29 -3.76 -3.80 -4.76 -3.99 -4.23
z 0 0 0 -0.10 0 0.08 -3.21 -3.12 -3.32 -3.06 -3.72 -3.67 -3.65

d - 0 - 0.86 - 0.45 - 1.85(0.92) 1.51(0.46) 1.47(0.62) 2.36(1.55) 2.14(0.46) 2.07(0.55)




Table 4.3. The results of the paired t-Test and post-hoc power analysis. (e: the repeatability
error. d: the Euclidian distance between the kinematic and geometric GH-JRC)

2-tailed p-value Post-hoc power

d e d e
Cir 0.16 0.11 0.08 0.10
FE/Abd 0.11 0.19 0.48 0.36
FE/Abd/Cir 0.02* 0.03* 0.30 0.68

*: significant difference (p < 0.05)

-10 -5 0 5

Figure 4.3. The kinematic and geometric GH-JRC as well as the scapular anatomical

landmarks in the xy-plane. The mean values of the four subjects in Table 4.2 are used. The
axes are in cm.
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4.4. Discussion

This study compared two methods (SCoRE and IHA) for estimation of the GH-JRC
for subjects with the shoulder hemi-arthroplastic endoprosthesis based on the
distance to the geometric GH-JRC obtained from the subject-specific post-operative
CT scans. The results for the IHA and SCoRE method were not the same: the [HA
results were significantly closer to the geometrical rotation center than the SCoRE
results. The difference between the estimated IHA and SCoRE centers was
comparable to the similar studies on healthy adults (Lempereur et al, 2010; Monnet
et al, 2007).

The comparison between the functional methods for estimation of the GH-JRC may
be carried out based on either “repeatability” or “accuracy”.

As for repeatability, Monnet et a/ (2007), found a lower repeatability error when
using the SCoRE method (0.30 cm) as compared to the IHA method (0.43 cm), as
we found in the current study, while Lempereur ef al (2010) reported slightly higher
repeatability error for the SCoRE method (4.36 mm vs. 4.11 mm for the IHA
method). This means that there is not yet consensus about which method is more
repeatable, even for the studies on healthy subjects. However, one should note that
the results of the study by Monnet et a/ (2007) are statistically more reliable than
the study by Lempereur ef a/ (2010) due to its larger number of participants (10 vs
4). The difference between the results of the different studies may be related to the
fixed error sources:

Both the SCoRE and the IHA methods start from the assumption that there is a GH-
JRC with only three rotational degrees of freedom. This definition implies that
translations within the joint are minimal. This assumption could potentially be a
source of fixed errors. According to Graichen et al (2000) this is a valid assumption,
since their MRI study of glenohumeral motions indicated mean glenohumeral
translations during humeral elevation up to 1.2 mm. In our study translations were
quite small and did not show a systematically changing position (Figure 4.4).
Should, however, translations occur within the joint, this position would change with
joint angle. In cases of a compromised joint in which more random translations are
occurring, both positions and directions of the axes would change randomly. The
fact that IHA method results can be interpreted as indication for the validity of the 3
DOF assumption, can be seen as a strong point of this particular method, which is in
fact the exact opposite of the argument used by Monnet et al/ (2007) in their choice
of the SCoRE over the IHA method.

Another source of fixed errors could be the assumption that there is a fixed
relationship between the bony landmarks and the glenoid. Although the study by
Meskers et al (1998a) has indicated that such a relationship exists and the
assumption is therefore valid, it is, however, quite unlikely that there would be no
interindividual variation at all.
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Figure 4.4. - The calculated instantaneous helical axes in space during (a) Abd, and (b) FE
motion. Every 5 helical axes are plotted.
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Regarding the accuracy, the reference point (the geometric GH-JRC) used for
evaluating the accuracy of the two methods was similar in the current study (on
patients) and the study by Lempereur et a/ (2010) (on healthy subjects). However,
the results of the two studies are not identical. The difference between the studies
may be due to the differences between the subjects (healthy vs patients with
implants), which is not very likely, or related the random error sources. The
potential sources for random errors could be the sampling errors of the motion
capture system, the tissue artifact effects on motion of the technical markers
(Cereatti et al, 2009), digitization errors of the flock of bird systems (Meskers et al,
1998b), treatment of the in-vivo measured data (e.g. filtering frequency, type of
filter, etc.), errors in manual CT/MRI image processing, and inter-coordination
transformation (from in-vivo measured to CT/MRI system or vice versa) errors (e.g.
using the alternate examining basis point).

Accurate estimation of the GH-JRC is demanded for various applications. As a
kinematic application, it is needed to define the local coordinate system of the upper
arm as was stated in the ISB standardization protocol for the upper extremity (Wu et
al, 2005). A more important application would be in subject-specific modeling.
According to the recent studies (Nikooyan et al, 2010), it is now clear that to
estimate reliable (muscle and joint reaction) forces, the musculoskeletal model
should be scaled to subject-specific characteristics. Inaccuracies in estimation of the
GH-JRC may cause considerable errors in calculation of some critical parameters
(e.g. moment arms, origins and insertions of the muscles crossing the glenohumeral
joint) in the scaled model.

4.5. Conclusions

This study aimed to validate two widely used functional methods (IHA and SCoRE)
for estimating the GH-JRC in-vivo. Following conclusions can be drawn from this
study:

o The SCoRE appeared to be a more repeatable method whereas the IHA
method resulted in a more accurate estimation of the GH-JRC for patients
with endoprostheses.

e The ISB standardization protocol recommends the IHA method for
estimating the GH-JRC in-vivo in case of patients with shoulder
implantation for whom the displaced rotation centers may occur. Assuming
the geometric GH-JRC derived from the post-operative CT-data to be our
reference, the IHA showed a significantly closer approximation for the most
generalized combination of shoulder movements. We conclude that the IHA
method can be recommended for estimation of GH-JRC for patients
carrying shoulder implants.
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Chapter 5

Quantitative validation

of the Delft Shoulder
and Elbow Model

The development of an instrumented shoulder endoprosthesis has now made the
quantitative validation of the Delft Shoulder and Elbow Model possible. Motion
data, EMG-signals, external forces, and in-vivo glenohumeral joint reaction forces
(GH-JRF) were recorded for two patients with an instrumented shoulder hemi-
arthroplasty, during dynamic motions (including abduction and anteflexion) and
force tasks (with the arm held in a static position). Motions and external forces
served as the model inputs to estimate the GH-JRF. In the modeling process, the
effect of two different (stress and energy-based) optimization cost functions and
uniform (size and mass) scaling were evaluated. Both the magnitude and the
direction of the GH-JRF vector were compared. The model-estimated resultant GH-
JRF followed the in-vivo measured one for dynamic tasks up to about 90° arm
elevations, but generally underestimates the peak forces up to 31%; whereas a
different behavior (ascending measured but descending estimated force) was found
for angles above 90°. For the force tasks the model generally overestimated the peak
GH-JRF for most directions of applying external loads (on average up to 34%).
Applying the energy-based cost function improved model predictions for the
dynamic anteflexion task (up to 9%) and for the force task (on average up to 23%).
Scaling also led to improvement of the model predictions during the dynamic tasks
(up to 26%), but had a negligible effect (< 2%) on the force task results. Uniform
scaling did not considerably influence the position of the points of application of
GH-JRF on the articular surface of the glenoid fossa while applying the energy-
based cost function notably affected the force trajectory inside the glenoid. Although
results indicated a reasonable compatibility between model and measured data,
adjustments will be necessary to individualize the generic model with the patient-
specific characteristics.
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5.1. Introduction

To realistically replicate the behavior of the human locomotor system, a
musculoskeletal model should be sufficiently complex (comprehensive, three-
dimensional, and based on real anatomy). The complex models of the shoulder have
been introduced in Chapter 2. Among these models, the Delft Shoulder and Elbow
Model (DSEM) is the core of the current study.

As discussed before (Chapters 1 and 2), to validate the DSEM, the estimated muscle
force-time curves were previously compared to measured EMG signals. This
comparison showed good agreement (see reference (van der Helm, 1994) and
Chapter 2). However, the agreement can only be seen as a qualitative validation
(Inman et al, 1952) since it did not give information on the accuracy of predicted
muscle force levels.

Recently, an implantable instrumented shoulder endoprosthesis (Westerhoff et al,
2009a) has been developed that is capable of in-vivo measuring contact forces and
frictional moments in the gleno-humeral (GH) joint (see Chapter 3). The
endoprosthesis has been tested and implanted in a number of patients for whom first
data from activities of daily living have recently been published (Westerhoff et al,
2009b). Although measuring the muscle forces directly is not possible, the
endoprosthesis allows for a generalized validation at the level of the summed muscle
forces around the GH-joint.

Recent studies (Nolte et al, 2008; Rasmussen et al, 2007) have compared the
analytical predictions with the published data from the first measured patient with
the instrumented endoprosthesis (Bergmann et al, 2007). However, none of these
studies used the simultaneous kinematic recordings of the same subjects, nor did
they have the individual scapular motion available. To compensate for this, scapular
motion pattern had to be used based on an assumed scapulohumeral rhythm. In
general, we do know that this is not identical for controls and patients with
endoprostheses (Veeger et al, 2006). In addition, comparisons were performed for a
very limited kinematic motion range up to 45° humeral elevation angle.

In this chapter, GH-JRFs estimated by the DSEM are compared to forces from the
instrumented shoulder endoprosthesis. The measured kinematics and external forces
are used as model input. Since the DSEM traditionally uses a general (stress) cost
function for the distribution of muscle moments and cadaver data as model
parameters, the effects of the choice of a relatively new (energy-based) muscle load
sharing cost function and uniform size and mass scaling on the model predictions are
also taken into account. It is expected that the scaling to the subject’s morphology
and using an energy-based cost function will lead to a calculated contact force closer
to the experimentally obtained contact force. Both the magnitude of the resultant
GH-JRF and the direction of the GH-JRF vector will be compared between the
model and experiment. For the direction of the GH-JRF vector, the trajectory of the
GH-JRF vector inside the glenoid cavity (see Chapter 3) will be used as the
reference for comparison.
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5.2. Materials and Methods

5.2.1. Subjects

Two subjects with instrumented shoulder hemi-arthroplasty (S1 and S2, Table 3.1,
Chapter 3) participated in the experiments. For the Ethics Statement and detailed
descriptions about the participants see sections 3.2.1 and 3.2.2, Chapter 3.

5.2.2. Data recordings

Measured tasks comprised standard (unloaded) dynamic motions (including
abduction and anteflexion) and quasi-static force tasks.

Subjects were asked to perform the dynamic tasks up to maximal possible arm
elevation (see Table 3.2, Chapter 3).

Measurements comprised the collection of motion data, EMG, and external forces
and moments (Figures 5.1 and 5.2), as well as in-vivo GH-JRF. For the detailed
description about the motion, external loads, and in-vivo GH-JRF recordings see
section 3.2.4, Chapter 3.

EMG signals of 12 muscles/muscle parts were gathered using a 16-channels Porti
system (TMS International, Enschede, The Netherlands) at the sampling frequency
of 1000 Hz. The measured muscles included the trapezius ascendens, transversum,
and descendens, the infraspinatus, the deltoid anterior, medialis, and posterior, the
pectoralis major clavicular and thoracic parts, the biceps short head, the triceps
medialis, and the brachioradialis. The SENIAM recommendations (Merletti et al,
1999) were followed for the EMG sensor positioning. We visually checked the
measured signals for possible crosstalk. To determine the maximum EMG values
maximum voluntary contractions (MVCs) were also performed for each subject.

5.2.3. Kinematic data processing

Joint angles and local coordinate system definitions were determined following the
ISB standardization protocol definitions (Wu et al, 2005), however direction was
defined with the original DSEM axis (Veeger et al, 1997).

For S1, having the endoprosthesis on her left shoulder (Table 3.1, Chapter 3), all raw
measured data was mirrored with respect to the sagittal plane in order to be
represented in the right-handed coordinate system.

The glenohumeral joint rotation center, which is necessary for reconstruction of the
local coordinate system of the humerus, was calculated using the Instantaneous
Helical Axes (IHA) method (Veeger, 2000) (see Chapter 4 for detailed descriptions).

Since all three clavicular rotations are needed for DSEM input and only two
landmarks are generally available for definition of clavicular orientation (SC and
AC, Table 3.3, Chapter 3), the axial rotation of the clavicle was estimated by
minimizing the rotations in the acromioclavicular joint as described in reference
(van der Helm and Pronk, 1995).
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5.2.4. Trajectory of the GH-JRF vector inside the glenoid

The in-vivo measured GH-JRF vector were transferred to the glenoid system by
using the method described in section 3.2.6, Chapter 3. For the detailed description
about the CT imaging and processing see sections 3.2.3 and 3.2.5, Chapter 3.

The intersection points of the GH-JRF vector through the articular surface of the
glenoid were estimated from the compressive and shear components of the
transferred forces on the glenoid.
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Figure 5.1. The measured external (a) forces and (b) moments, applied on the S1’s hand
during performing the force tasks in different directions. U= upward, D= downward, F=
forward, B= backward, L= lateral, M= medial direction.
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Figure 5.2. The measured external (a) forces and (b) moments, applied on the S2’s hand
during performing the force tasks in different directions. U= upward, D= downward, F=
forward, B= backward, L= lateral, M= medial direction.

5.2.5. Estimating GH-JRF by the model

The Delft Shoulder and Elbow Model (DSEM) was extensively described in Chapter
2. The IDO model (see section 2.2.3, Chapter 2) is used here for modeling purposes.
As an output of the IDO model, the GH-JRF is calculated by the summation of the
model-estimated muscle forces around the glenohumeral joint.

As discussed previously (Chapters 2 and 3), stability of the model is addressed by
constraining the direction of the GH-JRF vector inside the glenoid and prevents the
glenohumeral joint dislocation.
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As discussed in Chapter 2, the DSEM allows for the use of two different muscle
load sharing cost functions namely a stress and an energy-based criteria which both
are recruited in this study.

5.2.5.1. Uniform scaling

To include the anthropometry of a subject, uniform size and mass scaling is possible.
In this study, the arm length ratio of the measured subject with respect to the cadaver
used for the model (L10) was selected as the size scaling factor (Table 5.1). The arm
length (/,.,) was calculated as follows:

‘Jr [EL+EM]_[SR+SU]‘

2 2
Where GH, EL, EM, SR, SU are the spatial positions of the glenohumeral joint
rotation center, lateral and medial epicondyle of the elbow and radial and ulnar
styloid of the wrist in the global system, respectively.

EL+EM

o = ‘GH[ ()

To minimize the effect of a mass distribution difference between the cadaver and the
subject, the ratio in Body Mass Index (BMI) (Keys et al, 1972) between the
measured subject and the cadaver (Klein Breteler et al, 1999) was used as the mass
scaling factor (Table 5.1).

Table 5.1. Uniform size and mass scaling parameters. BMI = Body Mass Index, SF =
Scaling Factor. Cadaver: the cadaver from which the model parameters were obtained.

Arm length  Height Weight BMI Size SF (arm Mass SF

(cm) (cm) (kg) (kg/m?)  length ratio) (BMI ratio)
S1 56 168 72 25.5 0.98 1.07
S2 49 163 85 32.0 0.86 1.35
Cadaver 57 168 67 23.7 - -

5.2.5.2. Simulations

For each type of task and each subject, simulations were performed under three
different conditions:

e the standard model (SM): the original model using the stress cost function
(SCF),

e SM+ECEF: the model using the energy cost function (ECF) for optimization,
and

e SM+US: the uniformly scaled (US) model
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5.2.6. EMG filtering and normalization

The measured EMGs were high-pass filtered, rectified, and subsequently low-pass
filtered. For high- and low- pass filtering, second order Butterworth filter with cut-
off frequencies of, respectively, 25 and 2 Hz were used. For each muscle, the
measured EMG was normalized with respect to the maximum value from MVCs.

5.2.7. Measure of goodness of fit
5.2.7.1. Magnitude of the resultant GH-JRF
To evaluate model results, three sets of indicators were defined as follows:

1) The bivariate two-tailed Pearson Correlation Coefficient (R) and the Root
Mean Squared Error (RMSE, Figure 5.3): indicates how well the model-
estimated force pattern follows the measured GH-JRF.

2) The average offset (AO): the average value of the differences between the
estimated and measured resultant GH-JRF at all points, indicating how the
magnitude of the estimated GH-JRF differs from that of the measured GH-
JRF.

3) The peak force error (PE): the difference between estimated and measured
resultant GH-JRF normalized by the measured resultant GH-JRF (Table
5.2).

a. For dynamic tasks, the PE is calculated at the point that the peak of
the calculated force occurs (around 90° humeral elevation angle).

b. For force tasks, the PE is calculated for all six directions. The
average of these six values is considered to present the PE.

For both AO and PE, a minus value indicates underestimation of the model with
respect to the experiments while a positive value indicates an overestimation.
5.2.7.2. Direction of the GH-JRF vector

The plots for the model-predicted trajectory of the GH-JRF vector inside the glenoid
fossa were compared to the ones measured in-vivo.

5.3. Results
5.3.1. Magnitude of the resultant GH-JRF
5.3.1.1 Dynamic tasks

For abduction (Figures 5.4a and b) up to about 90° arm elevation, the in-vivo
measured and model-predicted (by the standard model) GH-JRF showed good
consistency (R = 0.9883 and 0.9907, AO = -57.7N and -7.9 N, for S1 and S2,
respectively), although model estimates were generally lower (up to 31.3%, Table
5.2). It can be seen that for abduction motion, applying the ECF increases the
underestimation by about 9% (Table 5.2).
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For anteflexion (Figures 5.5a and b), the model predictions follow the measured
forces up to about 90° arm elevation (R = 0.9682 and 0.9756, AO = -45.4N and -
724N, for S1 and S2, respectively). In contrast to abduction, applying the ECF
slightly reduced the differences between the model and the experiment (up to about
9%, Table 5.2).

In both abduction and anteflexion (Figures 5.4 and 5.5) the calculated and measured
forces showed a different behavior for angles above 90° arm elevation; the
calculated force started to decrease, while the measured force continued to increase.

Uniform scaling reduced the underestimations (up to 8% and 25% for S1 and S2,
respectively) during dynamic tasks (Table 5.2, Figures 5.3, 5.4, and 5.5).

5.3.1.2. Force tasks

With the exception of the medial direction (two subjects) and upward direction (S2
only), the model predictions (Figures 5.6a, b) showed an overestimation compared
to the measured forces (AO up to 477.8N, PE up to 33.6%).

Using the ECF led to less overestimation (up to 23%, Table 5.2). It reduced the
overestimation up to 29% and 50% in the downward direction, up to 16% and 41%
in the backward direction, and up to 14% and 29% in the lateral direction, for S1 and
S2, respectively (Table 5.2, Figure 5.6).

Uniform scaling had a negligible effect (less than 2%) on the force tasks for both
subjects (Table 5.2, Figures 5.3 and 5.6).

The model-predicted individual muscle forces (Figure 5.7 a, b, c, g, h) generally
showed compatibility with the normalized measured EMG-signals of the superficial
muscles (Figure 5.8).

5.3.2. Direction of the GH-JRF vector

The position of the model-predicted force trajectory inside the glenoid cavity was
relatively close to the one measured in-vivo in case of S1 and S2 during abduction,
and S1 during forward flexion (Figures 5.9 and 5.10). Nevertheless, the difference
between the model-predicted and measured force trajectories in case of S2 during
forward flexion, and S1 and S2 during force task was remarkable (Figures 5.9 and
5.10).

Applying the ECF notably changed the position of the force trajectory inside the
glenoid (but not necessarily in the desired direction). Uniform scaling did not have
considerable effect on the position of points of application of GH-JRF vector on the
articular surface of the glenoid fossa.
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Table 5.2. The peak force error (PE, in %) at all measured tasks and for two subjects.
Plus/minus signs mean over/underestimation. SM = Standard Model, ECF = Energy Cost
Function, US: Uniform Scaled

i . SM SM
Motion task  Subject SM + ECF +US
. S1 -18.6 27.8 103
Abduction 2 9.1 363 35
) S1 21.6 -13.0 -14.7
Anteflexion 2 313 236 93
Force task Sl +27.6 +14.4 +28.7
¢ tas S2 +33.6 +10.4 +31.8
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Figure 5.3. The Root Mean Squared Error (RMSE) calculated between the model-estimated
and the measured GH-JRF: dynamic motions and forces tasks, three model assumptions
(Table 2).
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right column) trajectory of the GH-JRF vector inside the glenoid fossa for subject S1 during
abduction (Abd), forward flexion (FF), and force task (Ftask). (SM: standard model;
SM+ECF: model using energy cost function; SM+US: uniform scaled model)
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Figure 5.10. The model-estimated (estimated, left column) vs. in-vivo measured (measured,
right column) trajectory of the GH-JRF vector inside the glenoid fossa for subject S2 during
abduction (Abd), forward flexion (FF), and force task (Ftask). (SM: standard model;
SM+ECF: model using energy cost function; SM+US: uniform scaled model)
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5.4. Discussion

As results showed, the calculated and in-vivo measured GH-JRFs are not identical.
Differences appeared between the both the magnitude and the direction of the GH-
JRF vector. The calculated forces were lower than those measured for dynamic
tasks, and too high for the force tasks.

In case of dynamic motions (Figures 5.4 and 5.5), the deviations between the model
estimations and measured forces primarily occur at arm elevations above 60°. Since
the previous studies (Nolte et al, 2008; Rasmussen et al, 2007) looked at arm
elevations below this angle, and keeping in mind that the input was based on an
assumed scapular motion pattern, results of those studies should be interpreted with
some caution.

When performing dynamic tasks, the estimated and measured GH-JRF appeared to
show a different behavior for angles above 90° arm elevation (Figures 5.4 and 5.5);
the estimated force decreased, while the measured force continued to increase. The
force drop above 90° elevations was previously assumed to be a general behavior of
the musculoskeletal models of the shoulder, as it was reported by some other
researchers (Poppen and Walker, 1978; Terrier et al, 2008), and was based on the
fact that the lever of the external force/arm weight decreases after 90°, so that the
muscular forces were expected to drop as well. The different behavior observed here
may have been caused by muscle co-contraction in our subjects, based either on a
‘standard’ coordination pattern or on pathological motor control related to the
endoprosthesis. A study by Favre et al (2005) introduced a method for estimating the
GH-JRF in which muscles with higher mechanical advantage are favored. The
method has been used to predict the GH-JRF during abduction motion (Favre et al,
2009) and the results showed that the predicted GH-JRF continued to increase after
90° arm elevation, as was observed in our experiments. The co-contraction was
assumed to be the reason why the GH-JRF increased above 90° arm elevation. The
results of the study by Favre et al state that the modeling approach allowing possible
muscle co-contractions may lead to the different observed behavior for arm
elevations higher than 90°. Thus, implementation of co-contraction might be
essential for model improvement. One approach is to develop an EMG-driven model
(see Chapter 6) in which the normalized measured EMG-signals provide additional
constraints in the optimization procedure. Additionally, proprioceptive feedback has
been proposed to be an alternative mechanism for postural stability (van der Helm
and Rozendaal, 2000). Compared to co-contraction, proprioceptive feedback has
both an advantage and a disadvantage: it does not cost energy but it has time delays.
Implementing the proprioceptive feedbacks in the modeling process is an alternative
solution for model improvement. However, there remains an uncertainty regarding
which mechanism is used by the human body for (functional) stability in arm
elevations above 90°, where the arm behaves like an inverted pendulum.

Another possible explanation for the discrepancies between the predicted and
measured contact forces may be found in joint friction. A study by Bergmann et al
(2001) on hip implants showed temperature elevations in gait (up to 43.1°C after one
hour walking), indicating a considerable amount friction within the artificial joint. It
is likely that friction also occurs in the shoulder hemi-prosthesis and that this friction
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causes extra work for the muscles. The instrumented prostheses measurement results
showed in fact that these frictional moments were substantial with values up to 7Nm
(Westerhoff et al, 2008). As a consequence, individualization of the shoulder model
toward arthroplasty patient specific model versions might quite likely require
implementation of these frictional moments into the model (see Chapter 8).

Detailed model calculations of the individual muscle forces may be useful to explain
the discrepancies between the model-estimated and measured GH-JRF in some
directions of applying the external forces when performing the force tasks. For
example the model overestimates the GH-JRF in the upward direction for S1 (Figure
5.6a) and in the backward direction for S2 (Figure 5.6b). One can see in Figure 5.7
that in the upward direction the deltoid and infraspinatus muscles are favored by the
model for S1 while subscapularis is favored for S2. Similarly, in the backward
direction the model favors the pectoralis major for S1 and the deltoid for S2. The
larger maximum muscle force for the deltoid muscle over those of both pectoralis
major and the subscapularis muscles may explain the overestimations in the above-
mentioned cases. This result may be generalized to the other directions. These
overestimations may arise either from the muscle-load-sharing pattern or the
differences between the model’s and the subject’s muscular anatomy. The former
might lead to a favoring of the stronger muscles, which may not be the case for the
patients, and the latter may estimate higher muscle forces than those that the patient
is able to produce.

The energy criterion showed potential to simultaneously improve the model under-
and over-estimations during the anteflexion motion and the force tasks. This
criterion contains two weight factors to tune the linear and nonlinear terms
(Praagman et al, 2006) which were theoretically derived. It is uncertain whether
these factors are indeed optimal or could be further optimized (see Chapter 7).

In this study, a generic model was scaled to match few patients’ anatomical
parameters. As one can see in Figures 5.9 and 5.10, uniform scaling did not have
sensible effect on the position of the points of application of the GH-JRF vector on
the surface of the glenoid fossa. Giving that the magnitude of the resultant GH-JRF
vector increased by scaling, one concludes that the uniform scaling only affected the
compressive component (but not the shear component) of the GH-JRF vector. The
applied scaling approach (uniform scaling) has, however, been shown to be
inappropriate for patient specific modeling (Scheys et al, 2008) since it does not
include the scaling of the subject’s specific muscle strength parameters (e.g. PCSA).
Significant interindividual variability (Figure 5.11) in bony and muscular anatomy,
seems to be an important source of discrepancies between the experiments and the
model, as this can change many parameters such as the muscle volume, PCSA,
segment weights, shape of bony elements, moment arms and therefore most likely
also the muscle forces. The direction of the force vectors toward the glenoid cavity
is also highly dependent on the subject-specific geometry (see Chapter 3). Thus, for
more extensive comparisons, the effect of full (subject-specific) scaling that also
includes muscle parameters is a necessary next step.
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Figure 5.11. The effect of inter-individual differences. In-vivo measured and model-
estimated uniform scaled (US) GH-JRF vs arm elevation angle during abduction motion for
two measured subjects.

5.5. Conclusions

This work was the first attempt in quantitative validation of the shoulder part of the
DSEM at the level of the GH-JRF. The in-vivo measured GH-JRF on two subjects
was used as the basis of validation. Following conclusions can be drawn from this
study:

e Compared with the magnitude of the resultant GH-JRF measured in-vivo:

o The model generally underestimated the peak resultant GH-JRF for
standard dynamic tasks like abduction and forward flexion.

o The model generally overestimated the peak resultant GH-JRF for
quasi-static force tasks.

e For dynamic tasks, the calculated and measured forces showed a different
behavior for angles above 90° arm elevation; the calculated force started to
decrease, while the measured force continued to increase.

e The model showed a relatively close prediction of the trajectory of the GH-
JRF vector to the one measured in-vivo for abduction motion. However, the
difference between the model predicted and in-vivo measured force
trajectories was relatively remarkable during forward flexion and force
tasks.

e Applying the energy-based cost function for inverse-optimization,

o slightly increased the model underestimation during abduction.
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slightly decreased the model underestimation during forward
flexion.

considerably decreased the model overestimations in a few
directions of applying external forces for the force tasks.

had no effect on the pattern of the model predicted GH-JRF for
angles above 90° arm elevation.

had a considerable effect on the position of the force trajectory
inside the glenoid for all shoulder tasks.

e Uniform size and mass scaling:

O

O

O

reduced the model underestimation during dynamic tasks.
had a negligible effect on the force tasks.

had no effect on the pattern of the model predicted GH-JRF for
angles above 90° arm elevation.

had a negligible effect on the position of the force trajectory inside
the glenoid for all shoulder tasks.

e Although, the model predictions showed compatibility with the measured
data, improvements are still necessary to individualize the model with the
patient specific characteristics. These improvements could include, but are
not limited to:

O

implementation of the muscle co-contractions in the modeling
process,

optimization of the muscle-load-sharing cost functions,

implementation of the friction-induced moments, measured in the
instrumented shoulder implant, in the modeling process, and

the detailed patient-specific scaling of the model.
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Chapter 6

An EMG-driven
musculoskeletal model
of the shoulder

This Chapter aims to develop an Electromyography (EMG)-driven model of the
shoulder that can consider possible muscle co-contractions. A musculoskeletal
shoulder model (the original model) is modified such that measured EMGs can be
used as model-inputs (the EMG-driven model). The model is validated by using the
in-vivo measured glenohumeral-joint reaction forces. Three patients carrying
instrumented hemi-arthroplasty were asked to perform arm abduction and forward-
flexion up to maximum possible elevation, during which motion data, EMG, and in-
vivo glenohumeral-joint reaction forces were measured. The measured EMGs were
normalized and together with analyzed motions served as model inputs to estimate
the glenohumeral-joint reaction forces. All possible combinations of input EMGs
ranging from a single signal to all EMG signals together were tested. The ‘best
solution” was defined as the combination of EMGs which yielded the closest match
between the model and the experiments. Two types of inconsistencies between the
original model and the measurements were observed including a general
glenohumeral-joint reaction force underestimation and a glenohumeral-joint reaction
force drop above 90° elevation. Both inconsistencies appeared to be related to co-
contraction since inclusion of EMGs could significantly (p < 0.05) improve the
predicted glenohumeral-joint reaction forces (up to 45% at the peak elevation
angle). The developed model has shown the potential to successfully take the
existent muscle co-contractions of patients into account. The developed model,
therefore, can be used as a more reliable platform for prediction of the loads on the
shoulder joint especially in clinical applications.
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Nomenclature

0 Joint angle

0 Joint angular velocity

0 Joint angular acceleration

L, Muscle length

M Net joint moment

F, Model-predicted muscle force

F, Minimum permissible muscle force in the inverse optimization
Floo Maximum permissible muscle force in the inverse optimization

u Hypothetical neural input

e Neural excitation

a Neural activation

L. Length of contractile element

nEMG Normalized EMG

Predicted muscle force by the forward muscle model using the nEMG

F, L.
emng as excitation

nEr Normalized error
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6.1. Introduction

Recent experimental findings confirmed that pathological muscle co-contraction
occurs in patients with rotator cuff defects. Steenbrink et a/ (2009) showed that
adductor (e.g. pectoralis major and latissimus dorsi) muscle co-contraction is a key
factor to preserve the glenohumeral stability in patients with cuff lesions. It was also
shown that adductor co-contraction is a possible cause of observed limitations in
maximal arm elevation in those patients (Jost et al, 2000).

In Chapter 5 (Nikooyan et al, 2010), the glenohumeral-joint reaction forces (GH-
JRF) estimated by the model (Delft Shoulder and Elbow Model) were compared to
those simultaneously measured using an instrumented shoulder endoprosthesis. The
comparison results showed two inconsistencies: 1) underestimation of the model
predictions for abduction and flexion motions and 2) different behavior of the
estimated and measured forces above 90° humeral elevations where the measured
forces continued to increase while the model-predicted forces started to decrease.
One may explain the differences between the model and experiments by muscle co-
contraction which is generally not considered in the model. This is a common
phenomenon: different studies have shown that the optimization-based inverse-
dynamics musculoskeletal models (e.g. the Delft model) do generally neglect the
antagonist muscle co-contractions (Cholewicki et al, 1995; Gagnon et al, 2001).

Researchers have introduced different methods to consider the muscle co-
contraction in the modeling procedure such as developing advanced load sharing
cost functions (Jinha et al, 2006). As an example of the possible effects of
considering the muscle co-contraction on the modeling results one can refer to the
study by Favre et a/ (2005) in which a method was introduced for estimating the
GH-JRF taking the muscle co-contraction into account. The method has been used
(Favre et al, 2009) to predict the GH-JRF during shoulder abduction and the results
showed that the predicted GH-JRF continued to increase after 90° arm elevation as
was observed in our experiments (Chapter 5). Favre et al (2009) also compared the
GH-JRF calculated by their model to the one estimated by the Delft Shoulder and
Elbow Model and pointed out that the former predicted generally higher GH-JRF
during shoulder abduction.

An alternative to the use of different cost function is the addition of
Electromyography (EMG) to the model input. The concept is to force the (neuro-)
musculoskeletal model to follow the individual muscle activation patterns which are
considered to be equal to the normalized measured EMG signals. A variety of EMG-
driven models has been developed for static and/or dynamic tasks and at different
anatomical sites such as knee and ankle (Buchanan et al, 2004; Buchanan et al,
2005; Gerus et al, 2010; Lloyd and Besier, 2003; Olney and Winter, 1985), spine
(Cholewicki et al, 1995; McGill, 1992; van Dieen and Kingma, 2005), shoulder
(Langenderfer et al, 2005; Laursen et al, 1998), elbow (Koo and Mak, 2005; Manal
et al, 2002), and wrist (Buchanan et al, 1993).
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Most of the existing EMG-driven models use the measured external joint moment as
reference for validation. The congruity between the model-predicted net joint
moments and the measured external moments has been defined as the measure of
goodness-of-fit of the model. Based on our best knowledge, no model has been
validated by directly comparing its predictions with the in-vivo measured muscle
and/or joint reaction forces. Direct measurement of the individual muscle forces in-
vivo has been hardly possible. However, a recently developed instrumented
endoprosthesis (Westerhoff et al, 2009) now allows for in-vivo measurements at the
level of summed muscle forces around a joint (joint reaction force). As for the
shoulder joint, Praagman et a/ (2000) found a linear relationship between the
magnitude of the model predicted net joint moment and the GH-JRF during static
tasks. Nevertheless, one should note that using the same net joint moment but
different load sharing criteria and/or constraints during inverse optimization would
result in different predicted joint reaction forces (Chapter 5). Therefore, additional
efforts for joint stabilization (e.g. co-contraction) during dynamic motions and
specifically above 90° at which the arm behaves like an inverted pendulum, may
appear in the pattern of the GH-JRF but not the net joint moment. Thus, to judge
whether or not an EMG-driven model can account for the antagonist co-contraction
at higher arm elevations, using the in-vivo measured GH-JRF as the validation
reference is preferable over measured moments.

In this chapter, we will follow the EMG-driven modeling approach to consider the
possible antagonistic co-contraction in the model. The Delft Shoulder and Elbow
Model (DSEM) will be modified and used. The measured EMG signals of (a
selection of) the superficial muscles of the shoulder and elbow will be normalized
and used as the inputs to the EMG-driven model. All possible combinations of
available EMGs, ranging from single muscle activity to all activities together, will
be used as model inputs. As criterion for an improvement in model predictions, the
calculated GH-JRFs will be compared to the in-vivo measured ones of patients with
an instrumented shoulder endoprosthesis. The comparison results will also be used
to find the most optimal combination(s) of the input-EMG signals. It is expected that
including EMGs in the model input will lead to model predictions closer to the
experimentally obtained joint contact forces.

6.2. Materials and Methods
6.2.1. Subjects

Three subjects with instrumented shoulder hemiarthroplasty (S1, S2, and S6, Table
3.1, Chapter 3) participated in the experiments. These three subjects were selected
for this study because their maximal possible arm elevation (notably) exceeded 90°
(see Table 3.2, Chapter 3).

For the Ethics Statement and detailed descriptions about the participants see sections
3.2.1 and 3.2.2, Chapter 3.
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6.2.2. Motion, EMG, and force data collection

Measured tasks comprised standard (unloaded) dynamic motions including
abduction and forward flexion. The subjects were asked to perform the tasks up to
maximal possible arm elevation (see Table 3.2, Chapter 3).

Measurements included the collection of motion data and EMG as well as in-vivo
GH-JRF. For the detailed description about the motion and in-vivo GH-JRF
recordings see section 3.2.4, Chapter 3.

EMG signals of 12 superficial muscles (Table 6.1) were measured using Ambu N-
00-S ECG surface EMG electrodes and recorded by a 16-channels Porti system
(TMS International, Enschede, The Netherlands) at the sampling frequency of 1000
Hz. The SENIAM recommendations (Merletti et al, 1999) were followed for the
EMG sensor positioning. We visually checked the measured signals for possible
crosstalk. To determine the maximum EMG values maximum voluntary contractions
(MVCs) were also performed for each subject.

Table 6.1. Recorded EMG signals

Muscle # recording  Muscle part
sites
trapezius 3 1. ascending (TRPA)
2. transversal (TRPT)
3. descending (TRPD)
infraspinatus (INF) 1 -
deltoid 1. anterior (DA)
2. medial (DM)
3. posterior (DP)
pectoralis major 2 1. clavicular (PMC)
2. thoracic (PMT)
biceps 1 short head (BS)
triceps 1 medial (TRM)
brachioradialis (BRC) 1 -

6.2.3. Kinematic data analysis

For the detailed description about the kinematic data analysis see section 5.2.3,
Chapter 5.

6.2.4. EMG normalization

For EMG normalization, numerous methods have been introduced and used
(Burden, 2010). Nevertheless, there is no consensus about which method is most
appropriate for this purpose (Hug, 2010).
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Starting with EMG normalization in the current study, we used the maximum
measured EMG during MVCs as the reference value. However, for some muscles
(e.g. deltoid anterior and brachioradialis) the EMG measured during dynamic trials
exceeded the maximum EMG obtained from MVCs. To overcome this problem, we
decided to scale the maximum EMG obtained from MVCs. Various studies reported
the EMGs from cycling (Hautier et al, 2000), swimming (Clarys et al, 1983), and
baseball pitching (Jobe et al, 1984) up to, respectively, 126%, 160%, and 226% of
the maximum EMGs from MVCs. By using a scaling factor of 1.25, as was also
found by Hautier et al (2000), no EMG from dynamic trials exceeded the scaled
maximum EMGs.

The measured EMGs were high-pass filtered, rectified, and subsequently low-pass
filtered. For high pass filtering, second order Butterworth filter with cut-off
frequency of 25 Hz was used. Shiavi et al (1998) showed that a cut-off frequency of
25 Hz was appropriate for the removal of low-frequency artifacts in gait. However,
for one subject (S6), due to the low quality of the measured EMGs, we used a high
cut-off frequency for high-pass filtering. Studies showed that using very high (~ 250
Hz) filtering frequency can remove up to about 95% of the raw EMG signal power
(Brown et al, 2010). Using a cut-off frequency of 250 Hz was considerably effective
to eliminate the noises and to produce smoother signals for this subject. After
rectification, signals were recursively low-pass filtered to obtain a linear envelope.
To this end, a cut-off frequency of 2 Hz was used. Olney and Winter (1985) showed
for gait that the cut-off frequencies should not exceed 3 Hz. In a biomechanical
study of the trunk muscles (Staudenmann et al, 2007), a cut-off frequency of 2 Hz
was used. In a more recent study, Yoshida and Terao (2003) showed that for the hand
muscles the most suitable cut-off frequency would be a value between 1.7 and 2.8
Hz.

For each muscle, the measured EMG was normalized with respect to the scaled
maximum value found for that muscle.

6.2.5. The EMG-driven model

The original inverse-forward dynamics optimization (IFDO, Figure 2.1b, Chapter 2)
versions of the Delft Shoulder and Elbow Model was modified in order to include
the measured EMGs in the input (Figure 6.1).

In the developed model, a three-element (contractile, series elastic, and parallel
elastic elements) Hill-type model (Winters and Stark, 1985) is used (see section 2.9,
Chapter 2 for a detailed description ).

In the IFDO model (Chapter 2), at each time-step (7) the calculated optimal muscle
forces in the inverse optimization procedure are constrained by maximum (Fy;)
and minimum (F,;,;) permissible values of the muscle forces estimated by a forward
muscle model with use of the muscle states of the previous time-step (€;2, @;-1, Lee -1,
Figure 2.1b, Chapter 2). At the same time-step (i), an inverse muscle model is used
to estimate the neural inputs (e, a;, L..;) that will be used as the inputs to the
forward muscle model in the next step (i+1).
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The EMG-signal can physiologically be interpreted as action potentials arriving at
the muscle membrane and is therefore analogous to the excitation (e). In the EMG-
driven model, for the muscles with recorded EMG activity (path I, Figure 6.1)
instead of the excitation (e;,) predicted by the inverse muscle model the normalized
EMG (0 £ nEMG < 1) is used as input to the forward muscle. Therefore, instead of
using the calculated maximum and minimum forces (Fuyi, Fmins) as constraints for
inverse optimization, the muscle forces calculated by using the input EMG (F.,,;)
with a chosen tolerance of 5% error is used. The other muscle forces (path II, Figure
6.1) are calculated in the normal inverse optimization procedure. For the inverse
optimization an energy-based cost function (Praagman et al, 2006) was used as the
muscle load sharing criterion.

nEMG

A 2

ML . | Forward muscle @it Leeit
4+ m g model

A\ 4
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dynamics (inverse optimization)
1;
@e force-
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Figure 6.1. Schematic of the developed EMG-driven model

6.2.6. Mapping recorded EMGs to muscle elements in the
model

To evaluate the developed EMG-driven model, the normalized recorded EMGs were
used as inputs to the new developed model (Figure 6.1). Table 6.2 shows the process
of mapping the recorded electrical activity to the different muscle elements in the
EMG-driven model. For some muscles like trapezius and deltoid, the categorization
of muscles in the DSEM is somewhat different from the measured ones. In the
DSEM, the trapezius and deltoid muscles have been categorized based on their
origins either on the scapula or clavicle (the scapular and clavicular parts, Table 6.2).
However, the EMGs were recorded from the trapezius ascendens, pars transversum,
and descendens parts (Table 6.1) and the deltoid anterior, medialis, and posterior
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parts (Table 6.1, Figure 6.2). In order to assign the measured EMGs from trapezius
and deltoid muscles to the muscle elements in the model (Table 6.2), a geometrical

distribution was applied in this study.

In the case of biceps brachii muscle, 75% of the recorded EMG from biceps short
head was assigned to the biceps long head in the model (Table 6.2). The other
measured EMGs were assigned to the similar muscles in the model (Table 6.2).

Table 6.2. Mapping the (normalized) recorded EMGs (Table 6.1) to the muscle elements in

the EMG-driven shoulder model.

Muscle in the model Element no. % Normalized recorded EMG
Trapezius scapular part (TRPS) 1to6 100% TRPT
7to0 8 50% TRPT + 50% TRPD
9to 11 100% TRPD
Trapezius clavicular part (TRPC) 1 100% TRPA
2 75% TRPA + 25% TRPT
Deltoid scapular part (DS) 1 to2 100% DP
3to4 50% DP + 50% DM
5t06 20% DP + 80% DM
7108 10% DP +90% DM
9 100% DM
10 90%DM + 10% DA
11 80% DM + 20% DA
Deltoid clavicular part (DC) 1to4 100% DA
Infraspinatus (INF) 1to6 100% INF
Pectoralis major clavicular part (PMC) 1 to 2 100% PMC
Pectoralis major thoracic part (PMT) 1to6 100% PMT
Biceps short head (B) 1to2 100% BS
Biceps long head (B) 1 75% BS
Triceps medialis (TRM) Ito5 100% TRM
Brachioradialis (BRC) 1to7 100% BRC
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Figure 6.2. Top view of the (lines of action of) different elements of the deltoid muscle in
the model. DS: deltoid scapular part, DC: deltoid clavicular part, DP: deltoid posterior part.

6.2.7. Model simulations

A schematic of the simulation procedure is depicted in Figure 6.3. For each
muscle/muscle part in the 1% (left) column of Table 6.2, an ON/OFF situation for
simulation was defined:

e ON for each muscle means that the input EMG for that muscle is used as
input to the forward muscle model (i.e. Path I, Figure 6.1).

e OFF for each muscle means that the input EMG for that muscle is not used
as input to the forward muscle model and, like non-measured muscles, the
muscle force is calculated in the normal inverse optimization procedure (i.e.
Path II, Figure 6.1).

At first (Step 1, Figure 6.3), the model simulation was carried out when input EMGs
for all muscles were simultaneously used (i.e. all 10 signals in the 1% column of
Table 6.2 were ON). However, the model crashed for this situation.

In the following step (Step 2, Figure 6.3), we tried to find out which muscle(s)
caused the problem:

Firstly, we grouped the 10 signals in Table 6.2 into 7 groups (in order to reduce the
number of simulations): TRP (S+C), D (S+C), PM (C+T), INF, B, TRM, and BRC.
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It means that for example for deltoid (D) muscle, the scapular (DS) and clavicular
(DC) parts should be simultaneously ON or OFF. For each subject and each motion,
this led to 27 (=128) combinations of ON/OFF situations. The first round of model
simulations showed that only those combinations of EMGs which included the
EMG from TRP (either TRPS or TRPC) caused the model to fail. Therefore,
subsequent simulations continued without using the EMG from trapezius (i.e. both
TRPS and TRPC signals were switched OFF).

The remaining 8 signals in the 1** column of Table 6.2 (i.e. DS, DC, INF, PMC,
PMT, B, TRM, and BRC) were used for the final round of simulations (Step 3,
Figure 6.3). For each subject and motion, the model simulations were repeated when
using either only one input EMG, all input EMGs together, or any combinations of
different input EMGs (in total 2° =256 combinations of ON/OFF situations). For
forward flexion motion, additional simulations were also carried out when using
only the EMG of the DP muscle (Figure 6.2) as input to the model. Given the
number of subjects (=3) and motions (=2), 1539 model simulations were, therefore,
carried out.

Step 1 Step 3
(1 simulation) . .
e ——— S tep 2 (256 simulations)
;g?}: %ﬁ (128 simulations) TRP(S,C) = OFF
DS =ON TRP(S,C) = ON/OFF DS = ON/OFF
B D(S,C) = ON/OFF _
DC=ON ~ DC = ON/OFF Model
INF = ON/OFF ode
INF=ON Model PM(C.T) = ON/OFF TRP is th LTS OINHOL? outputs
PMC = ON ode 2 is the PMC = ONJOFF e
crashes B = ON/OFF problem
PMT = ON B PMT = ON/OFF
TRM = ON/OFF
B=ON O B = ON/OFF
TRM = ON TRM = ON/OFF
BRC = ON BRC = ON/OFF

Figure 6.3. The modeling simulation procedure showing how different input EMGs were
used at different stages. The number of simulations at each step is given for each subject and
each measured shoulder motion. ON: the EMG signal is used as input to the forward muscle
model; OFF: the EMG signal is not used as input to the forward muscle model.

6.2.8. Measure of goodness of fit

For all combinations of input EMGs, the model-predicted GH-JRF was calculated
and compared to the in-vivo measured GH-JRF. To measure the goodness of fit four
indicators were defined as follows:

1. The Root Mean Squared Error (RMSE) between the model-estimated
and measured GH-JRF which indicates how well the model-estimated
force pattern follows the measured force.
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2. The average offset (AO) which is the average value of the differences
between the estimated and measured GH-JRF at all points indicating
how the magnitude of the estimated force differs from that of the
measured force.

3. The force error at 90° humeral elevation angle (Eo) which is the
difference between estimated and measured GH-JRF normalized by the
measured GH-JRF and calculated at 90° humeral elevation.

4. The force error at the maximal humeral elevation angle (E,.x) which is
the difference between estimated and measured GH-JRF normalized by
the measured GH-JRF and calculated at the maximal humeral elevation
(0imax, Table 3.2, Chapter 3).

One should note that for AO, E¢y, and Equ.x (Figure 6.4), a minus value means
underestimation of model with respect to the measured one while the positive value
indicates an overestimation.

To find the most optimal combination of the input EMGs (the best solution), we
defined a normalized error (nEr) for each set of simulation (i) considering all above
mentioned indicators as follows:

} (M

1/1 RMSE, 1] 40, || 1]1]Ew, | 1] Epnes
nEr, =—<— +— +—0—= +—
' 2|2RMSE,,  2|AO 2| 2[Egy | 2|Eopmaeone
Where the subscript ‘org’ for each indicator refers to the values found for that
indicator when running the original model (with no EMG in the input). The
normalized error (nEr, Table 6.3) will therefore be equal to 1 for the simulations
with original model. For each subject and motion, the combination of
simultaneously used input EMG signals which resulted to the minimum value for
nEr among all simulations for that subject and motion was selected as the ‘best
solution’ (Table 6.3).

org

6.2.9. Statistical analysis

To evaluate the significance of the effects of using the EMG as input on the
modeling outputs a two-tailed paired #-Test was carried out. The force error at
maximal elevation angle (Egm.x) between the EMG-driven model using the best
solution and the original model were compared. The threshold (alpha-level) for
statistical significance was considered as 0.05.
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Table 6.3. The calculated normalized error (nEr) between the in-vivo measured GH-JRF and the one predicted by both the original model (no EMG in the
input) and the EMG-driven model using the activity of individual muscles as well as the activities of the most optimal combination of simultaneously used
muscles (the ‘Best solution”) as model inputs. (Abd: abduction; FF: forward flexion. For muscle names see Tables 6.1 and 6.2)
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s 2 o 2 = = = = = 2 2 2 2 27
s 4 2 5 5 g 5 5 5 5 5 g B 5s
Sl 100 098 110 - 098 045 115 117 098 101 040 PMT+TRM
abd 52 100 123 944 - 089 079 130 102 148 101 075 PMT+TRM
S6 1.00 095 141 - 08 017 093 101 097 100 0.5 PMT+TRM
mean 100 105 399 - 091 047 113 107 114 101 045 -
(SD)  (0.00) (0.16) (473) -  (0.07) (0.31) (0.18) (0.09) (0.29) (0.01) (0.32) -
Sl 100 093 026 060 091 113 091 095 096 095 018 DS+DC+PMC+BRC
S2 100 1.00 120 041 084 096 092 084 084 100 037 DC+PMC+B+BRC
FF  S6 100 1.00 043 055 097 035 075 103 098 099 021 DS+DC+PMC+BRC
mean 100 098 063 052 091 081 08 094 093 098 026 -
(SD)  (0.00) (0.04) (0.50) (0.10) (0.07) (0.41) (0.10) (0.09) (0.07) (0.03) (0.10) -
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6.3. Results

Representing the results of all modeling simulations (using all possible
combinations of input EMGs) was not feasible; therefore, a selected number of
results are shown here. In Table 6.3 and Figures 6.5-6.7 the effect of using the best
solution as well as the activity of individual muscles as the inputs to the EMG-
driven model on the modeling outcome were represented.

During abduction, the use of the input EMG of the PMT together with TRM led to
the closest match between the model-estimated and the measured GH-JRF for three
subjects (Table 6.3, Figures 6.4, 6.5a, 6.6.a, and 6.7a). The results, however, showed
that using only the input EMG of the PMT muscle led to a very small increase (on
average across three subjects ~ 3%) in the model underestimation of the GH-JRF
when compared with the model driven by the best solution (i.e. PMT + TRM).
Using only the input EMG of the DS muscle for abduction, caused a huge difference
(on average across three subjects ~ 200%) between the model and the experiment,
especially for subjects S2 and S6.

In case of forward flexion (FF, Figures 6.4, 6.5b. 6.6b, and 6.7b), the best solutions
for subjects S1 and S6 (i.e. DS+ DC+PMC+BRC, Table 6.3) were comparable but a
different optimal combination of input EMGs (i.e. DC+ PMC+ BRC, Table 6.3) was
found for subject S2. Although using only the input EMG of the DS muscle led to
considerable model overestimation for subjects S2 (Table 6.3, Figures 6.4 and 6.6b),
however, it improved model predictions by more than 50% for subjects S1 and S6
(Table 6.3, Figures 6.4, 6.5b, and 6.7b). Adding only the EMG from DP as input to
the model for flexion improved both the pattern above 90° arm elevation and the
magnitude of model-predicted GH-JRF at the maximum arm elevation (on average
across three subjects up to about 33%). Using the input EMG of the PMT muscle
during forward flexion motion helped to some extent filling the gap between the
model prediction and the experimental data (Table 6.3) but this failed in correcting
the descending pattern of the predicted GH-JRF for above 90° arm elevation.

By using the optimal combination of measured EMGs (i.e. the best solution) as
input to the EMG-driven model, the model predicted GH-JRF at maximal arm
elevation significantly (two-tailed p ~ 0.002) improved (on average up to about
45%) in comparison to the original model (see Figures 5-7). Also, the pattern of the
predicted GH-JRF for above 80-90° arm elevation got closer to what was in-vivo
measured (Figures 6.5b, 6.6, and 6.7). The magnitude of the model predicted GH-
JRF increased overall, meaning that the general model underestimation at higher (>
60°-70%) arm elevation angles decreased but caused model overestimation at lower
(< 60°-70°) elevation angles.
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Figure 6.4. (a) RMSE, (b) AO, (¢) Egy, and (d) Eyax, between the GH-JRF estimated by the
original and EMG-driven (using the best solution) models and the measured one.

114



An EMG-driven musculoskeletal model of the shoulder

600+~ e’ 0 Org. model
-%-EMG: DC
e EMG: DS
500+ 1 -<-EMG: INF
o EMG: PMT
z --4-EMG: PMC
e 400+ -*-EMG: B
5 ~x-+ EMG: TRM
T b EMG: BRC
O 300} -—+- EMG: Best sol.
— Meas
200¢
20 30 40 50 60 70 80
Arm elev. angle (deg)
1000 R
é & =0~ Org. model
900F  (w) 1 -#-EMG: DC
¢ o |-*EMG:DS
800 / "% | -+-EMG:DP
700! © | -<-EMG: INF
z -0+ EMG: PMT
I 600} o 1 --&- EMG: PMC
x o ‘x | —*-EMG:B
i 5007 - . _.e B
5 LT FE T e EMG: TRM
400¢ X D S “*& i 1 -p-EMG:BRC
v R i “§% | -+ EMG: Best sol.
3001 4 :&% — Meas
200¢ 6
100

20 30 40 50 60 70 80 90 100 110
Arm elev. angle (deg)

Figure 6.5. Comparison of measured and estimated GH-JRF for S1 during (a) abduction and
(b) forward flexion. /n-vivo measured (Meas.), original model-estimated (Org. model), and
EMG-driven model-estimated GH-JRF using the EMG of individual muscles as well as the

activities of the most optimal combination of simultaneously used muscles (Best sol.) as

model inputs
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Figure 6.6. Comparison of measured and estimated GH-JRF for S2 during (a) abduction and
(b) forward flexion. /n-vivo measured (Meas.), original model-estimated (Org. model), and
EMG-driven model-estimated GH-JRF using the EMG of individual muscles as well as the
activities of the most optimal combination of simultaneously used muscles (Best sol.) as
model inputs
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Figure 6.7. Comparison of measured and estimated GH-JRF for S6 during (a) abduction and
(b) forward flexion. In-vivo measured (Meas.), original model-estimated (Org. model), and
EMG-driven model-estimated GH-JRF using the EMG of individual muscles as well as the
activities of the most optimal combination of simultaneously used muscles (Best sol.) as
model inputs
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6.4. Discussion

The predictions of the GH-JRF using an EMG-driven model of the shoulder were
compared to those simultancously measured on the patients with instrumented
shoulder arthroplasty. Both types of inconsistencies between the original version of
DSEM and the measurements, namely a general force underestimation and a force
drop above 90° humeral elevation, seem to be related to antagonist co-contraction.
That is because inclusion of EMGs in the model input could considerably improve
both the magnitude (on average up to 45% at maximum arm elevation) and the
pattern (for above 90° arm elevation) of the model-predicted GH-JRFs.

If only one measured EMG should be used as input to the EMG-driven model to
account for the antagonist muscle co-contraction, our recommendations will be as
follows:

For abduction motion, it is obvious from the results (Table 6.3, Figures 6.4, 6.5a,
6.6a, and 6.7a) that using only the input EMG of the PMT muscle caused a
negligible difference compared with when simultaneously using the input EMG of
the PMT and TRM muscles (i.e. the best solution). The PMT is generally known as
an adductor and hence is an antagonist muscle during abduction motion. The
original model predicts a low activation for PMT which is in contrast to what was
observed in the EMG measurements (Figure 6.8a). Adding only the EMG from PMT
as model input during abduction motion improved the model-predicted GH-JRF at
maximum arm elevation on average up to about 37%. This means that the primary
source of inconsistencies between the original model and the experiment is the
antagonist PMT muscle co-contraction which was not considered in the original
model. We, therefore, recommend using the input EMG from PMT muscle for
abduction motion.

For forward flexion motion, as one can see in Table 6.3 and Figures 6.5b and 6.7b,
for subjects S1 and S6 the difference between the best solution and using only the
EMG of the DS muscle in the input is relatively small (on average e between two
subjects ~ 4% as for the GH-JRF at maximal arm elevation). For these two subjects
the differences between the model and experiment during forward flexion motion
may be explained through the antagonist DS muscle co-contraction which was not
considered in the original model (Figure 6.8b). However, using only the EMG of the
DS muscle in the input for subject S2 caused an overestimation of the GH-JRF at
maximal arm elevation of about 73%. For this subject (S2) the result of the best
solution and using only the input EMG from DP (the posterior part of the DS
muscle, Figure 6.2) were very close at higher (> 90°) arm elevation angles (Figure
6.6b). For subjects S1 and S6, using only the EMG from DP as input to the model
improved both the pattern for above 90° arm elevation and the magnitude of model-
predicted GH-JRF at the maximum arm elevation (on average between two subjects
~ 30%). These findings make it difficult to choose between using only the measured
EMG of the DS (both the posterior and medial parts of the deltoid) or DP (only the
posterior part of the deltoid) as the input to the EMG-driven model. Since, using the
EMG from DS muscle led to considerable difference between the model and
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experiment for subject S2, we may recommend DP to be used during forward
flexion motion.

Summarizing the last two paragraphs, if one wants to use only one input EMG to the
model to account for possible antagonist co-contraction we recommend the PMT
and DP muscles for abduction and forward flexion motions, respectively.
Nevertheless, to be more decisive the effects of other antagonist muscles should be
evaluated, specifically the rotator cuff muscles since they are the main stabilizers of
the glenohumeral joint. In this study we could measure the infraspinatus muscle
using the surface electrodes. In overall, adding the input EMG of the infraspinatus
led to slight improvement (on average ~ 9%) in the magnitude of the model-
predicted resultant GH-JRF (when compared with the in-vivo measured forces)
during both abduction and forward flexion motions while did not have any effect on
the pattern of the predicted forces for above 90° elevation. Regarding the other
muscles in the rotator cuff, measuring the supraspinatus and subscapularis activity is
not possible with surface EMG. To measure these two muscles, wire electrodes
should be used (Meskers et al, 2004). The downside of using wire electrodes is
however, that the EMG activity can only be recorded for a small range of motion.
The teres minor is also very difficult to be measure even through wire electrodes.
One should also take our recommendations with caution when applying them to
young healthy subjects. Although for our patients no serious rotator cuff damage
was reported, however, they are likely to have pathological motor control as can be
concluded from their, sometimes strongly, limited elevation capacity.

A tolerance of 5% for the muscle forces calculated in the forward muscle model by
using the normalized EMG as input was used in this study (see section 6.2.5). This
threshold could be used in the input EMG signals to account for possible errors in
calculating the normalized EMG. However, to prevent the problems caused in
satisfying the joint equilibrium and considering the linear EMG-to-force relationship
used in this study, we preferred to use this tolerance on the forces predicted by the
forward muscle model. That tolerance was arbitrarily chosen, however, it seems to
be an appropriate selection. Reducing the tolerance should make the model predict
closer muscle activations to those experimentally measured although problems can
be met in satisfying the equilibrium at the joints and, on the other hand, increasing it
the model can predict lower co-contractions moving the results closer to those of a
traditional optimization. We tried to quantify the effect of using different tolerances
on the modeling results for a specific case: subject S6 during performing abduction
motion and using only the activity for PMT as input to the model. We chose the
tolerances of 1%, 5%, 10%, and 20% and compared the model-predicted GH-JRFs
at maximal arm elevation angle. Results showed that the magnitude of the model-
predicted resultant GH-JRF decreased (as expected) by about 3%, 7%, and 16%
when changing the tolerance from 1% to, respectively, 5%, 10%, and 20%. Although
changing the tolerance influenced the model-predictions, however, these changes
were not considerable (~ 7%) in the range of 1% to 10% tolerance. This means that
our choice for using a 5% tolerance was reasonably acceptable.
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The developed model in this study was driven using the measured EMG signals
from a selected number of superficial muscles. Using the measured activation as
model input could potentially affect the activation pattern of non-driven (either not
measured or not used) muscles. Considering that a large number of combinations of
measured activities, ranging from single activity to all activities together, were used
for modeling simulation, it would be hardly possible to quantify the changes in the
activation pattern of the not-driven muscles for all modeling simulations. However,
since in this study the model prediction of the GH-JRF was of major interest (and
consequently the in-vivo measured GH-JRF was chosen as our ‘golden standard’ for
validation of the modeling predictions), errors appearing in the model-predicted
GH-JRF could be an indication of considerable alteration in the activation pattern of
non-driven muscles surrounding the glenohumeral joint. That could be the case for
trapezius muscle. As explained before, the model crashed when using any
combination of input EMG signals which included the activity from trapezius
muscle. This may be explained by considerably increasing the activity of the other
muscles (e.g. deltoid) when including the EMG from trapezius muscle in the model
input.

Although including the EMG as model inputs considerably improved the model
predictions, one should note that using surface EMG is not the only model tuning
option:

The morphological difference between the model and measured subjects seems to be
a potential source of the inconsistency between the model and experiments,
specially the general GH-JRF underestimation. The variability in the bony and
muscular anatomy may change a lot of modeling parameters such as shape of bony
contours, PCSA, and moment arms. Therefore, a full-scaling of the model including
the size, mass, and strength scaling may have considerable effects on the modeling
results.

Another potential source of discrepancies between the model and measurements
could be the joint friction in patients. In addition to the joint reaction forces, the
instrumented shoulder endoprosthesis is also able to measure the frictional moments
in the glenohumeral joint. The measurements showed that these frictional moments
were substantial with up to 7 Nm (Westerhoff et al, 2009; Westerhoff et al, 2008).
Comparing to the net joint moments given in the literature (Giroux and Lamontagne,
1992; Hoozemans et al, 2004; Veeger et al, 2002), one can see that the frictional
moment may reach 20% of the total net shoulder joint moment. Therefore,
implementation of these frictional moments into the model may have notable effects
(see Chapter 8).

Another potential factor affecting the modeling output is related to the optimization
cost function. In Chapter 5 we used two inverse optimization cost functions
including an energy-based (the one used in this study) and a quadratic stress cost
function. The results of that study showed that the GH-JRF predicted by the original
model by using the two cost functions were not identical (differences reached 10%
of the peak GH-JRF). The major promising feature of the energy-based cost function
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is the adjustability of the tuning weight factors of the cost function which were
hypothetically determined by Praagman (Praagman, 2008). It is, however, uncertain
whether these factors are correct or still need optimization. Using alternative weight
factors will certainly influence the model-estimated GH-JRF (see Chapter 7).

0.5 ... no input EMG
0.4] —input EMG: PMT

Excitation

0 20 40 60 80 100
Arm elev. angle (deg)

-------- no input EMG
— input EMG: DS

Excitation

0.1}

® O 20 40 60 80 100
Arm elev. angle (deg)

Figure 6.8. The model calculated neural excitation during (a) abduction and (b) forward
flexion for S6.

As mentioned before, there is still no consensus about the best EMG normalization
method (Burden, 2010; Perry, 1992). The European recommendations for surface
EMG (the SENIAM project) (Merletti et al, 1999) suggests use of EMG from MVCs
as the normalization reference. However, as observed in the current study, some
researchers reported that using the MVC as reference may result in normalized
EMGs exceeding 100% (Clarys et al, 1983; Hautier et al, 2000; Jobe et al, 1984).
Clarys (2000) believed that the EMGs from MVCs are not appropriate for
normalizing EMGs from dynamic tasks. Using the MVCs for normalization has also
received criticism regarding its reliability (Yang and Winter, 1984). In the current
study, we used a scaling factor in the range of scaling factors reported in the
literature to keep the normalized EMGs from dynamic tasks below 100%. As a
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recommendation for the future, it would be interesting to quantify the effects of
different normalization routines on the EMG-driven model outputs.

By comparing the developed model in the current study to the other existing EMG-
driven models some differences may be discerned:

The detailed EMG-driven models developed for the lower extremity (Buchanan et
al, 2004; Lloyd and Besier, 2003) included the EMGs of almost all muscles passing
the joint and a fixed relationship between measured muscles and those that could not
be measured. However, among the 31 muscles available in the DSEM, the EMG of
only 12 muscles could be measured. It can be therefore said that our model, in
contrast to those models, is ‘partially’ (but not fully) driven by the EMGs.

The second major difference, as mentioned before, is related to the reference for
model validation. The vast majority of existing EMG-driven models including the
ones developed for the shoulder (Langenderfer et al, 2005; Laursen et al, 1998) have
been validated by using the measured external joint moment as the reference. The
model developed here was validated at the level of summed muscle forces around
the glenohumeral joint which were measured in-vivo. The force drop above 90°
elevations as was observed for original model predictions in the current and
previous studies (Terrier et al, 2008) is based on the fact that the moment arms of the
muscles passing the glenohumeral joint start to decrease after 90° (Ackland et al,
2008). However, EMG measurements on both healthy (Inman et al, 1944) and
patients (the current study) showed that the neural activity increases above 90°.
Similar to EMG signals, the measured GH-JRFs also showed an incremental pattern
after 90°. Increasing the muscular activity would be an indication of extra effort
needed for stabilizing the shoulder joint which behaves like an inverted pendulum
above 90°.

6.5. Conclusions

An EMG-driven model of the shoulder was developed and validated against in-vivo
measured GH-JRF on three patients with an instrumented shoulder arthroplasty.

Following conclusions can be drawn from this study:

e In contrast to the original model, this model could successfully account for
the muscle co-contractions occurring during standard dynamic tasks at
higher arm elevations.

e The EMG-driven model can be used as a more reliable platform for
prediction of the loads on the shoulder joint especially in clinical
applications.

e As a recommendation for the future, the effects of different normalization
routines on the EMG-driven model outputs can be quantified.
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Chapter 7

Relative contribution of
energy consumption
processes in a load
sharing cost function

The aim of this chapter is to quantify the relative contributions of two muscle energy
consumption processes (detachment of cross-bridges and calcium-pumping)
incorporated in a previously developed muscle load sharing cost function, namely
the energy-based criterion, by using in-vivo measured glenohumeral-joint reaction
forces (GH-JRF). Motion data and in-vivo GH-JRF were recorded for four patients
carrying an instrumented shoulder implant while they were performing abduction
and forward flexion motions up to their maximum possible arm elevations. Motion
data were used as input to the Delft Shoulder and Elbow Model for estimation of the
GH-JRF. The widely used stress as well as the energy-based cost functions were
adopted as the load sharing criteria. For the energy-based criterion, simulations were
run for a wide range of different weight parameters (determining the relative
contribution of the two energy processes) in the neighborhood of the previously
assumed parameters for each subject and motion. Model-predicted and in-vivo
measured GH-JRFs were compared for all model simulations. Application of the
energy-based criterion with new identified parameters resulted in significant (two-
tailed p < 0.05, post-hoc power ~ 0.3) improvement (on average ~ 20%) of the
model-predicted GH-JRF at the maximal arm elevation compared to when using
either the stress or the pre-assumed form of the energy-based criterion. About 25%
of the total energy consumption was calculated for the calcium-pumping process at
maximal muscle activation level when using the new parameters. This value was
comparable to the corresponding ones reported in the previous literature. The
identified parameters are, therefore, recommended to be used instead of their
predecessors.
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List of abbreviations

SCF The Stress Cost Function

ECF The Energy-based Cost Function

DSEM The Delft Shoulder and Elbow Model

GH-JRF The Glenohumeral-Joint Reaction Force

RMSE The Root Mean Squared Error

Olimax The maximal arm elevation angle

Eomax The normalized error at the oy,

Ew/Eca The relative contribution of the two energy terms in the ECF
F/F max The muscle force ratio

wfi The first weight factor of the energy-based cost function
wf The second weight factor of the energy-based cost function
ECF et The default from of the energy-based cost function

ECFy, The energy cost function with wf;= x, and wHh=1y.

Abd Abduction motion

FF Forward Flexion motion
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=.1. Introduction

Inverse-dynamics musculoskeletal modeling faces an indeterminacy problem for
calculation of individual muscle forces. More than one combination of muscle
forces may produce the same given net moment around a joint. It is not yet
understood how the central nervous system shares the loads among all muscles
passing a joint. We try to approximate the load sharing of the human by minimizing
a “cost function” to find a relatively arbitrary “optimal” solution. Several cost
functions have been introduced (for an overview see reference (Tsirakos et al,
1997)) among which two are being used in this study. The first criterion, the
quadratic stress cost function (SCF) (Crowninshield and Brand, 1981), is the most
widely used criterion and minimizes the summed muscle stress around a joint. The
second criterion is briefly called the energy-based cost function (ECF) (Praagman,
2008). This criterion is based on two main energy consuming processes in a muscle
needed to produce a contraction, namely “detachment of cross bridges” and “re-
uptake of calcium” (Praagman et al, 2006). Both cost functions have been
implemented and used in the Delft Shoulder and Elbow Model (DSEM).

In a previous study (Praagman et al, 2006), the SCF and ECF were compared based
on the muscle oxygen consumption using near infra-red spectroscopy where the
ECF was favored due to its better qualitative consistency with the measured oxygen
consumption, specifically for the elbow muscles. Later (Steenbrink et al, 2009), it
was shown that in comparison with the SCF, the ECF results in a better consistency
between experimental results and the DSEM predicted principal actions.

In Chapter 5 the glenohumeral-joint reaction forces (GH-JRF) estimated by the
DSEM were compared to those simultaneously measured using an instrumented
shoulder implant (Westerhoff et al, 2009). Both SCF and ECF were used in the
optimization process to calculate the GH-JRF. As results showed, the model
generally underestimated the GH-JRF for dynamic tasks like abduction and forward
flexion, but also that model estimations using the two cost functions differed up to
9% (see Table 5.2, Chapter 5).

For the ECF, the relative contribution of the two processes was unknown, and the
two terms were implemented based on the assumption of a 1:1 (cross-bridges to
calcium pumping) contribution at 50% activation during an isometric contraction
(Praagman et al, 2006). This assumption resulted in 1:2 ratio at 100% activation.
There is no agreement either for techniques or results among various studies that
tried to quantify these relative contributions for single muscles. [n-vitro
measurements were carried out for maximal (Barclay et al, 1993; Barclay et al,
2008; Homsher et al, 1972; Rome and Klimov, 2000; Stienen et al, 1995; Szentesi et
al, 2001; Walsh et al, 2006) or submaximal isometric single fibre muscle
contractions (Burchfield and Rall, 1985; Rall, 1979; Rall and Schottelius, 1973;
Wendt and Barclay, 1980; Zhang et al, 2006). As for maximal isometric
contractions, one may conclude from the literature that about 23-44% of the total
energy consumption is related to the ion (Ca’" and/or Na") pumping and the
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remainder is related to cross-bridges cycling. In a review study, Barclay et al (2007)
concluded that regardless of muscle contractile properties, techniques used for
measuring the energy consumption, and experimental condition, the contribution of
the Ca’" pumping is more or less the same (~30-40% of the total energy
consumption) for muscles from mammals in isometric contraction.

In this chapter, we aim to identify the adjustable parameters of the ECF which can
lead to:

1) a closer match between the model and the experiment as for the GH-JRF, and

2) a relative contribution of the two energy terms at maximum muscle activation
which coincides with the corresponding values in the literature.

The kinematic data from four patients with an instrumented endoprosthesis are used
as model input. The inverse-dynamic simulation is performed using the DSEM and
by recruiting both SCF and ECF as the muscle load sharing criteria. For the ECF, the
simulation process is repeated for a variety of different adjusting parameters of the
ECF. All model simulated GH-JRFs are compared to the ones measured in-vivo to
identify new parameter sets. The new identified parameter sets will then be applied
to calculate the relative contribution of the two energy terms and the results will be
compared to the corresponding values in the literature.

7.2. Materials and Methods

7.2.1. Subjects

Four subjects with instrumented shoulder hemi-arthroplasty (S1, S2, S5, and S6,
Table 3.1, Chapter 3) participated in the experiments. For the Ethics Statement and
detailed descriptions about the participants see sections 3.2.1 and 3.2.2, Chapter 3.

7.2.2. Data recordings

Measured tasks included (unloaded) abduction and forward flexion motions. The
subjects were asked to perform the tasks up to maximal possible arm elevation (see
Table 3.2, Chapter 3).

Measurements comprised the collection of motion data as well as in-vivo GH-JRF.
For the detailed description about the motion and in-vivo GH-JRF recordings see
section 3.2.4, Chapter 3.

7.2.3. The energy-based muscle load sharing cost function

Following a detailed cadaver study on the shoulder (Klein Breteler et al, 1999),
information about muscle architecture and optimal fiber length was obtained which
made it possible to implement the muscle dynamics in the inverse optimization
process (see Chapter 2 for a detailed description).

130



Relative contribution of energy consumption processes in a load sharing cost function

The original form of the energy-based cost function (Jg) (Praagman et al, 2006) was,
therefore, reformulated in order to take the muscle force-length relationship into
account (Praagman, 2008) as follows:

n

JE :Z{Ecb,- +Eca,- } =

i=l1

0 2 (1)
F, F.
Fl  + | =+ —
; i“opt; Wflmz F;'max (Z) sz [F;max (I)J
where

i stands for the muscle element;
n 1s the total number of muscle elements;

Es and E., represent the two energy consumption processes including the
detachment of cross-bridges and the calcium pumping, respectively.

F, I,y and m, are respectively the muscle force (N), the optimal muscle fiber length
(cm), and the muscle mass (gr).

Fax(!) 1s the maximum muscle force (N) and is calculated as follows:

Foax (1) = f(1,). PCSA.0 o )

where f{(/;) is the normalized muscle force-length relationship (Winters and Stark,
1985) and PCSA is the muscle physiological cross sectional area (cm?). Gpax is
defined as 100 N/cm?® (An et al, 1989) (see also section 2.2.3, Chapter 2).

wfi and wf; are adjustable weight factors. The wf is an indication of the relative
contribution of the two energy terms. The wf, determines the shares of the linear and
nonlinear parts in E., but indirectly affects the relative contribution of the two
energy terms as well. Due to lack of existing physiological knowledge, the weight
parameters wf; and wf, were arbitrarily set as 100 and 4, respectively (Praagman,
2008).

7.2.4. Kinematic data processing
For the detailed description about the kinematic data analysis see section 5.2.3,
Chapter 5.

7.2.5. Modeling simulations

The IDO version of the DSEM (see section 2.2.3, Chapter 2) was used for modeling
purposes in this study. Calculated joint angles were used as model inputs. Model
simulations were performed for abduction and forward flexion motions and for four
subjects. Both SCF and ECF served as the muscle load sharing criteria during
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inverse-optmization. For each task and subject, for the ECF for optimization,
simulations were repeated for different combinations of weight factors in the ECF
(wfi and wf,, Equation 1). The weight factors were changed in large ranges in the
neighborhood of the default values (i.e. wfi = 100, wf; = 4) as follows:

1< wf, <200, step size =10
e ey ()

0 < wf, <20, step size = 1, and wf, =100

The wf; = 100 was selected to study the effects of using a very high share of the
nonlinear term in the E., on the modeling outcomes. The selected ranges led to 638
series of simulations for each motion and each subject. The GH-JRF was calculated
as an output of the inverse-dynamics analysis.

7.2.6. Measure of goodness-of-fit

For evaluation of the results, the model-calculated and in-vivo measured GH-JRF
were compared for all sets of simulations. To measure the goodness-of-fit we used
two indicators including the Root Mean Squared Error (RMSE) between the model-
estimated and measured GH-JRF at all points, and the error calculated at the
maximal arm elevation angle (0., Table 3.2, Chapter 3) defined as the difference
between estimated and measured GH-JRF normalized to the measured force (Eqmax).
For E,mnxx, @ minus value means underestimation of model with respect to the
measured one while a positive value indicates an overestimation.

For each subject and each motion the contour graphs for RMSE and Eg.x were
plotted for different values of the weight factors (Figures 7.1 and 7.2). To make the
color consistency between the subplots, the positive values of Egmax (|[Eomax|) are
plotted. Therefore, one should note that all values of Ey,x in Figures 7.1 and 7.2
must be read as negative.

The combination of wf; and wf, that resulted in the minimum value of RMSE was
selected as the best solution (ECF,.). Except for one case (i.e. S5 during forward
flexion, Table 7.1), the best results were acquired when 1 < wf;, wf, < 10 (Table 7.1).
Based on these results, three sets of weight factors were selected for more detailed
follow-up comparisons as follows:

e The mean of the values presented in Table 7.1, i.e. wfi = 4, wf, = 5
(ECFmean)a

e The two extreme parameter sets, i.e. wfi = 1, wf = 10 (ECF, o) and wf; =
10, Wf2 =1 (ECF]OJ).

The RMSE and Eg.« were calculated when using the three above mentioned
combinations of weight factors for the ECF as well as the default form of the ECF
(wfi = 100, wf; = 4, ECFg4) and the SCF during both abduction and forward flexion
and for all subjects (Figure 7.3).
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Table 7.1. The best solutions
the combinations of wf; and wf, that resulted in the minimum value of RMSE between the
model estimated and measured GH-JRF for different subjects and motions.

Abduction Forward flexion
S1 S2 S5 S6 S1 S2 S5 S6 mean
wf 3 1 3 1 1 1 9 10 4
wh 2 6 1 1 3 9 19 1 5

7.2.7. Statistical analysis

For statistical analysis, a two-tailed paired Students’ t-Test was used. The threshold
for statistical significance was considered as 0.05.

Post-hoc statistical power analysis for two-tailed Student's t-Test was also carried
out in order to evaluate the power of test with low number of subjects (n = 4).

7.2.8. Relative contribution of two energy terms

Having values for wf; and wf,, the relative contribution of the two energy terms
(Ec/Eca) was also calculated for different muscle elements at the maximum arm
elevation angle for each motion. For each subject, motion, and force ratio (i.e.
F/Fnax, Equation 1), the calculated E.,/E., was averaged over a selection of muscle
elements and averaged across all subjects and motions (Figure 7.4).

7.3. Results
7.3.1. GH-JRF

The generic model generally underestimated the GH-JRF when compared to the in-
vivo recordings (Eqmax, Figures 7.1 and 7.2).

The results (Figures 7.1 and 7.2) revealed that when the two weight factors
simultaneously decreased, the magnitude of the RMSE and |Egm.| decreased
indicating that the model estimations got closer to the measured data.

The highest deviations of the model calculations from the measurements occurred
around the zone in which 10 < wf; <80 and wf; = 20 (Figures 7.1 and 7.2).

By increasing wf, from 20 to 100 (giving a higher share to the nonlinear part of the
calcium pumping term), the RMSE and |Eqm.x| increased (on average ~ 12 % for
|[Eamax|) for wf; < 30 but slightly decreased (on average ~ 3% for |Eqmax|) for higher
values of wf;.

By using the three selected sets of weight factors for the ECF (i.e. ECFean, ECFy 10,
and ECFj,), the model predicts of the GH-JRF significantly ( p < 0.05, Post-hoc

133



power ~ 0.3) improved (on average ~ 20% at 0,y,) in most cases compared to when
using either the ECF g4 or the SCF (Figure 7.3).

Forces in the Shoulder Joint: on validation of musculoskeletal shoulder models

7.3.2. Relative contribution of the two energy terms

Regarding the relative contribution of different terms in the energy cost function
(Figure 7.4), using the selected sets of weight factors led to Eq:E., equal to,
respectively, 2.3:1, 5.1:1, and 2.9:1 for ECFyeum, ECFy10, and ECFyp; at 100%
muscle activation (i.e. F/Fy,= 1). This implies that at maximum muscle activation,
respectively, about 30%, 16%, and 25% of the total energy consumption is related to

calcium pumping when using the ECF¢un, ECF 10, and ECF g ;.

Figure 7.1. The Root Mean Squared Error (RMSE) and absolute error at maximal arm
elevation (|[Eqmax|) calculated between model-estimated and in-vivo measured GH-
JRF at different combinations of the weight factors (wf; and wf,) of the ECF and for
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Calculated for selected combinations of the weight factors of the ECF (ECFeqn,
ECF, 19, and ECF,q,), the default form of the ECF (ECFgy) and the SCF averaged
across all measured subjects during performing abduction (Abd), forward flexion
(FF), and both abduction and flexion (Abd+FF) motions.

* Significant different from either ECFg4.¢ or SCF (p < 0.05)
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7.4. Discussion

The in-vivo measured GH-JRF by instrumented shoulder endoprostheses were used
to identify the weight parameters of a previously developed load sharing cost
function. The new identified weight parameters were different from those that were
originally used. By applying the new parameter sets the model could calculate the
GH-JRF significantly closer (on average 20%) to what in-vivo measured.

Similar to our observations in Chapter 5 (Nikooyan et al, 2010), not only the generic
model generally underestimated the GH-JRF compared to the in-vivo measurements
but also the predicted GH-JRFs were not identical for the ECFg4r and the SCF: when
using the ECFg, the model predicted GH-JRF was slightly lower (~ 6%) during
abduction motion but not notably higher (~ 4%) during forward flexion motion.

Although using all selected parameter sets for ECF (i.e. ECFean, ECFy 0, and
ECFjy,) resulted in significant improvements in the modeling calculations, however,
one would expect a final recommended parameter set for future applications. The
cost function with this selected parameter set not only should have the capability of
considerably improving the model predictions but also should lead to a relative
contribution of the energy terms which is in agreement with the corresponding
values in the literature. Among the selected solutions, the ECF; o had the lowest
average values of both RMSE and |Eyu.x| (Figure 7.3). However, when using the
ECF; ¢, the relative contributions of the energy terms at lower muscle activations
(i.e. F/Fx < 0.3) do not seem feasible. Moreover, the contribution of the calcium
pumping at maximum activation (~16%, Figure 7.4a) does not coincide with
reported values for single muscles that range from 23% to 44% (Barclay et al, 2007;
Barclay et al, 1993; Barclay et al, 2008; Homsher et al, 1972; Rome and Klimov,
2000; Stienen et al, 1995; Szentesi et al, 2001; Walsh et al, 2006). The other two
parameter sets (ECFen and ECFg ) resulted in contributions for calcium pumping
(30% and 25%) that were more in the range of these reported values. Although
ECFean gave slightly better results (~ 3%) than the ECF,y; (Figure 7.3), however,
ECFy, showed a smoother pattern of the E:E., at different muscle activations
(Figure 7.4). We therefore recommend the ECF; as the new selected parameter set
for the ECF.

The increase in magnitude of the model predicted GH-JRF when using the new
parameter sets compared with the default form of the ECF and/or the SCF is related
to the increase in model predicted individual muscle forces (Figure 7.5). For
abduction, using the new identified parameter set mostly affected the model-
prediction of the trapezius scapular part, serratus anterior, supraspinatus, biceps
(long and/or short heads), and triceps medialis muscle forces. During forward
flexion motion, the model prediction of the serratus anterior, supraspinatus, biceps
short head, and triceps medialis muscle forces considerably increased when using
the new identified parameter set.

As results showed (Figures 7.1 and 7.2), by either directly (wf;) or indirectly (wf2)
decreasing the contribution of the calcium pumping with respect to the detachment
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of cross-bridges in the energy cost function, the model predicted GH-JRF increased.
The role of wf; (i.e. a nonlinear quadratic term in the calcium pumping part) is more
highlighted at the lower values of wf; (< 70). Although, Praagman et a/ (2008; 2006)
found less false-negatives for model-estimated force to EMG comparisons when
using a nonlinear quadratic term in the calcium pumping part, however, there is no
(quantitative) proof about whether or not considering this nonlinear term leads to
improvements in the model predictions. It has been stated that the linear muscle load
sharing criteria generally favor discrete muscle action while the nonlinear criteria
basically lead to synergism (Crowninshield and Brand, 1981; Dul et al, 1984b; Dul
et al, 1984a). Nevertheless, considering that by increasing the share of the nonlinear
term in the energy cost function the model predicted GH-JRF decreases, it seems
that this nonlinear term does not play a major role in changing the synergism of
muscle force sharing.

The results of Chapter 5 (Nikooyan et al, 2010) showed that in contrast to dynamic
tasks, the DSEM overestimated the GH-JRF for static force tasks. The results of that
study showed that using the ECF could considerably improve (up to 50%) the model
prediction of the GH-JRF in a few directions of applying the external loads.
Therefore, one would expect that including the static force tasks in the evaluation
procedure may lead to find more generalized parameter sets for energy criterion.

Other than the general underestimation of the model, the previous study (Nikooyan
et al, 2010) also showed that the estimated and measured GH-JRF behaved
differently at arm elevation angles above 90° (increasing measured vs. decreasing
model-estimated). As proposed before, the different behavior can be caused by
muscle co-contraction based on either a standard or pathological (related to
endoprosthesis) coordination pattern. Researchers have developed and used
advanced muscle load sharing cost functions in order to consider the muscle co-
contraction in the modeling procedure (Forster et al, 2004; Jinha et al, 2006).
Among four measured subjects in the current study, two subjects (S2 and S6) were
able to elevate their arms above 90° during both abduction and forward flexion
while subject S1 could only do that during flexion motion. Using the new identified
parameters in the current study showed the potential to improve the pattern of the
model-predicted GH-JRF for above 90° in three cases (Figure 7.6). Nevertheless,
this effect seems to be a bit random considering that the tuned criterion did not have
any effect on the pattern of the model predicted GH-JRF above 90° for S2 during
abduction (Figure 7.6 b) and S6 during forward flexion (Figure 7.6 d). The EMG-
driven modeling (Laursen et al, 1998; Lloyd and Besier, 2003) is an alternative
approach to account for possible antagonist co-contraction (Chapter 6). The results
in Chapter 6 revealed that including the EMGs as input to the model could
considerably improve (up to 45%) the model predictions of the GH-JRF especially
for above 90°. The ECF4s was used as the muscle load sharing criterion in that
study. One should, however, note the mechanisms that improve the pattern of the
model predicted GH-JRF above 90° were not identical in the two approaches. In the
EMG-driven model, the force behavior above 90° was improved by forcing the
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model to follow the recorded activation pattern of the major antagonist co-
contractors like pectoralis major clavicular part (during abduction) or deltoid
posterior part (during forward flexion). Using the tuned parameter set for the ECF
(ECFhes), affected the model predictions of the GH-JRF by giving an incremental
load share for above 90° to muscles like trapezius scapular part, serratus anterior,
supraspinatus, and/or biceps short (Figure 7.5).

Other than the energy processes presenting in the current ECF, there are also some
energy processes that have not been accounted for. An important process is the
higher energy rate associated with shortening, sometimes called the Fenn effect
(Alexander, 1997; Lichtwark and Wilson, 2005). Neglecting the Fenn effect may
limit implementation of the ECF in high-speed dynamic movements. Given that
some muscles are shortening at different rates during fast dynamic movements, it is
likely to have an impact on the estimates of energy cost. Therefore, for application
of the ECF in fast dynamic movements (e.g. throwing ball in baseball) the so-called
Fenn effect should be taken into account.

~.5. Conclusions

The relative contribution of two muscle energy consumption processes including the
detachment of cross-bridges and the calcium pumping incorporating in the energy-
based criterion was quantified by using in-vivo measured GH-JRF on four patients
carrying an instrumented shoulder implant. A set of new weight parameters which
determines the relative contribution of the energy term was identified. Following
conclusion(s) can be drawn from this study:

e The energy-based criterion with new identified parameter set resulted in not
only significant improvements of the model calculated GH-JRF but also a
relative contribution of the two energy terms at maximum muscle activation
which coincides with the corresponding values in the literature for isometric
contraction. The new identified parameter set is therefore recommended to
be used instead of the previously used parameters.
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Chapter 8

Articular friction in the
artificial shoulder joint

The aim of this chapter is to implement the friction-induced moments measured by
the instrumented shoulder hemiarthroplasty in the Delft Shoulder and Elbow Model
and to explore the effects on the prediction of the glenohumeral joint reaction forces.
Six patients with instrumented shoulder hemiarthroplasty capable of measuring joint
loads in-vivo were measured. Motion data, in-vivo glenohumeral joint reaction
forces, and in-vivo frictional moments were recorded simultaneously during
performing unloaded abduction and forward flexion motions up to maximal arm
elevation. The glenohumeral joint reaction forces estimated by the model with and
without including frictional moments in the modeling process were compared to the
recorded glenohumeral joint reaction force. Adding the measured frictional moments
to the model input significantly (two-tailed p ~ 0.01) improved (on average ~ 9%)
the model predicted glenohumeral joint reaction force at the maximal arm elevation.
The Coulomb friction coefficient (u) in the artificial shoulder joint was also
estimated to be u ~ 0.16 = 0.10. This study concludes that friction moments in the
shoulder endoprosthesis are considerable and do have a significant effect on the
joint reaction forces of the shoulder and should therefore be included in the
biomechanical analysis of artificial shoulder joints.
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8.1. Introduction

Joint replacement is a well-known treatment for severe joint diseases like
osteoarthritis (Franceschini et al, 2005). Some studies revealed that despite a design
also aimed at minimization of internal friction, considerable friction still occurs
within artificial joints. In a study on hip prostheses (Bergmann et al, 2001), the
temperature rose up to 43.1°C after one hour walking. A similar and more recent
study (Pritchett, 2006) on different types of knee implant showed a temperature rise
of about 9°C in 40 minutes walking, indicating a notable friction.

Various techniques were developed to measure the moments induced by friction in
artificial joints. The frictional moments (FM) were measured using hip joint
simulators reached 1.2 Nm and 7.9 Nm, respectively, in studies by Saikko (2009)
and Bishop et al (2008). The instrumented endoprosthesis of the hip (Damm et al,
2010) and the shoulder (Westerhoff et al, 2009a) joints have been developed such
that in-vivo measurements the joint contact forces and moments is possible. As for
the shoulder joint, studies on subjects carrying an instrumented shoulder
endoprosthesis while performing dynamic and/or activity of daily living tasks
showed that the FM could become as high as 7 Nm (Bergmann et al, 2007;
Westerhoff et al, 2009b).

The importance of considering friction in the biomechanical studies of artificial
joints is twofold:

Firstly, the potential damage that a rise in temperature in the joint may cause to the
surrounding tissues (Lu et al, 1999). The excessive wear and production of debris in
the bone-implant area can cause aseptic inflammation (Hallab and Jacobs, 2009).

Secondly, in- or excluding FM in musculoskeletal modeling process may affect the
total joint moment and consequently the predicted muscle and joint reaction forces.
Musculoskeletal models usually ignore the joint friction for patients with implant. In
optimization-based models, the net joint moment is generally calculated through an
inverse-dynamic analysis in which the equations of motions are solved using
measured kinematics and external forces as inputs. Studies on shoulder loads during
weight handling (Giroux and Lamontagne, 1992) and wheelchair propulsion (Veeger
et al, 2002) revealed that the net joint moment in the shoulder joint reached 40 Nm.
If net joint moment has the same magnitude in healthy joint as in artificial joints, an
FM up to 7 Nm as measured in the instrumented implant, would therefore be
slightly less than 20% of the total net joint moment. As a consequence, including
FM in the modeling process will have notable effects on modeling results.

The aim of this study is to implement FM as measured in-vivo using an instrumented
shoulder implant in the Delft Shoulder and Elbow Model (DSEM). The model-
estimated GH-JRF with and without considering FM will be compared to forces
measured in-vivo using an instrumented endoprosthesis. By applying some
simplifying assumptions, we will also try to estimate the Coulomb friction
coefficient in the artificial shoulder joint from the in-vivo measured data and
compare it with the corresponding values in the literature.
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8.2. Materials and Methods

8.2.1. Subjects

Six subjects with instrumented shoulder hemi-arthroplasty (S1 to S6, Table 3.1,
Chapter 3) participated in the experiments. For the Ethics Statement and detailed
descriptions about the participants see sections 3.2.1 and 3.2.2, Chapter 3.

8.2.2. Data recordings

Measured tasks included unloaded abduction and forward flexion motions. The
subjects were asked to perform the dynamic tasks up to maximal possible arm
elevation (see Table 3.2, Chapter 3).

Measurements comprised the collection of motion data as well as in-vivo
glenohumeral-joint reaction forces (GH-JRF) and frictional moments (FM). The in-
vivo measured forces and moments were synchronized and re-sampled with the
motion recording frequency to allow for further processing. For the detailed
description about the motion recordings see section 3.2.4, Chapter 3. For details
about the in-vivo measurement of contact forces and moments in the instrumented
implant see references (Bergmann et al, 2007; Westerhoff et al, 2009a).

8.2.3. Implementation of frictional moment in the modeling
process

In a ball-and-socket joint, the resultant joint contact force vector should pass
through the joint rotation center (i.e. Fy, Figure 8.1). However, if the force does not
pass through the humeral head center (i.e. F,, Figure 8.1) it will cause a moment (i.e.
My, Figure 8.1) around the joint center of rotation, which was also the point around
which the recorded moments were calibrated. The only reasonable explanation for
such moment would be the existence of a tangential force component (i.e. F, Figure
8.1) between the articular surfaces which can be explained through joint friction.

The IDO version of the DSEM (see section 2.2.3, Chapter 2) was used for modeling
purposes in this study.

In the DSEM, which is basically a finite element model, anatomical structures are
modeled by mechanical elements: bones by beam, muscles by active truss,
ligaments by passive truss, and joints by hinge elements. To include the measured
FM between the humerus and scapula, a virtual 3-hinges system was added to the
glenohumeral joint while the degrees-of-freedom of the model did not change. The
FM was implemented as a rotational stress in the hinge elements, adding to the
calculated net joint moments in the glenohumeral joint.

8.2.4. Transformations

In the DSEM, the calculated net moment are represented in the joint coordinate
system. Values for the GH-JRF and FM were measured directly by the instrumented
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shoulder implant, and consequently transferred to the glenoid coordinate system.
The same inter-coordinate transformations as in Chapter 3 (section 3.2.6) were used
to transfer the in-vivo measured GH-JRF and FM to the glenoid side. At each
measured time-frame (¢), the rotation matrix ¥R'(f) (Equation 4, section 3.2.6,
Chapter 3) was used to rotate the measured GH-JRF and FM from the implant-based
(F; and M,) to the glenoid (Fgand My, Figure 8.2) coordinate system as follows:

F =_—9R.F
gl i
M, =—"R- M, M
1

gl

Where the negative sign in Equation 1 means that the transferred force and moment
are the “reaction force and moment™ acting on the glenoid component.

Ms

glenoid

implant head

Figure 8.1. 2D scheme of the forces and moments acting at the implant head. F¢: the friction
force, Mg the frictional moment caused by the friction force, recorded by the instrumented
implant; Fy: the normal force, recorded by the implant; R: the implant head radius.

8.2.5. Kinematic data processing

Joint angles (inputs to the model) were calculated from measured motion data. For
the detailed description about the kinematic data analysis see section 5.2.3, Chapter
5.

8.2.6. Modeling simulations

For each type of task and each subject, simulations were carried out for two different
conditions including
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1. the original model (and thus without friction), and

2. amodel version considering FM in the modeling procedure (with friction).

Figure 8.2. Schematic of the glenohumeral joint contact force and moment vectors acting on
the humeral head (F,, M,) and the reaction force vector acting on the glenoid (Fg, My).
Images are related to subject S6.

The GH-JRF was calculated through an inverse-dynamic simulation in the DSEM.
Joint angles (section 8.2.5) were used as model inputs. The default form of the
energy-based criterion (see Chapter 7) was used as the muscle load sharing cost
function for inverse optmization. The model estimations of the GH-JRF were then
compared to the ones in-vivo measured by the instrumented implant.

8.2.7. Measure of goodness-of-fit

To evaluate model results, three sets of indicators were defined as follows:

1. The Root Mean Squared Error (RMSE) between the model-estimated
and measured GH-JRF which indicates how well the model-estimated
force pattern follows the measured force.
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2. The force error at 90° humeral elevation angle (Egy) which is the
difference between estimated and measured GH-JRF normalized by the
measured GH-JRF and calculated at 90° humeral elevation. Eqy was
calculated only for those subjects who could elevate their arms higher
than 90° (Abd: N=2; FF: N=4; see Table 3.2, Chapter 3).

3. The peak force error (Eqma) Which is the difference between estimated
and measured GH-JRF normalized by the measured GH-JRF and
calculated at the maximal humeral elevation (on.x, Table 3.2, Chapter
3).

For Eq¢y- and Ey ., @ minus value means underestimation of the model predictions
with respect to the measured one while a positive value indicates an overestimation.

8.2.8. Statistical analysis

To evaluate the significance of the effects of implementing the FM on the modeling
outputs, a two-tailed paired Students’ t-Test was used. The threshold for statistical
significance was considered as 0.05. Post-hoc statistical power analysis for two-
tailed Student's t-Test was also carried out in order to evaluate the power of test with
low number of subjects (n = 6).

8.2.9. Estimation of friction coefficient

Different types of friction may exist in an artificial joint such as Coulomb and
viscous friction. Considering that our patients had a hemi-arthroplasty, viscous-type
friction may still exist because of the cartilage covering the surface of the glenoid
fossa. Nevertheless, it is anticipated that the Coulomb friction has the largest
contribution to the total frictional loads.

To estimate the Coulomb friction coefficient of the artificial shoulder joint, we made
some simplifying assumptions:

1. There is only sliding and spinning motions between the articular surfaces,
and

2. The friction and joint reaction forces are applied at one point.

The friction coefficient (1) may be calculated from the friction (Fy) and the normal
(Fn) force vectors (Figure 8.1) as follows:

F,
_I5| 2)
LN
Where [Fy| is equal to the measured resultant GH-JRF.

The friction force vector (Fy) can be calculated from the measured moment (i.e. Mg,
Figure 8.1) and the implant head radius (i.e. R, Figure 8.1, for values see Table 3.1,
Chapter 3).

152



Articular friction in the artificial shoulder joint

The measured moment can be due to both sliding and spinning in the joint. The
spinning occurs when a subject simultaneously rotates the arm (externally or
internally) when performing an arm elevation task like abduction or forward flexion.
Therefore, the sliding (M, perpendicular to the normal force) and spinning (M,
parallel to the normal force) components of the measured moment vector (M)
should be distinguished:

M. -F
0=cos” | ——% (3)
[IMfIIFNIJ
M, | =sin(6)| M| @
|Msp =cos(t9)|Mf|

Where 6 is the angle between the measured moment and force vectors. M. Fy is the
inner product of the moment and normal force vectors. When there is no spinning,
the two vectors should be perpendicular to each other (6 = 90°).

The magnitude of the friction force (|Fy) is calculated from the perpendicular
component of the measured moment (i.e. [Mg|) and the radius of the implant head as
follows:

sl

R

|Ff| = (5)

8.3. Results

8.3.1. Original model-predictions

During both abduction (Abd, Figure 8.3) and forward flexion (FF, Figure 8.4) up to
about 90° arm elevation, model-predicted (no friction) and the in-vivo measured
GH-JRF showed good consistency (average Pearson correlation coefficient ~ 0.85).
Although model estimations at the maximum arm elevation were generally lower
(on average ~ 38%), however, the model generally overestimated the GH-JRF for
subjects S3 and S4 during both abduction and forward flexion motions (Figures 8.3
and 8.4).

Similar to the observations in Chapters 5, 6, and 7, for angles above 90° arm
elevation the calculated force started to decrease, while the measured force
continued to increase.

8.3.2. Effect of including FM

Although in few cases the RMSE increased by implementing the frictional moments
in the DSEM (i.e. S3-Abd and S3-FF, Figures 8.3, 8.4, and 8.5a), however, on
average for all subjects and motions the RMSE between the model and experiments
significantly (p < 0.05, Table 8.1) decreased by adding joint friction to the model.
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Adding friction to the model generally increased the magnitude of the model-
predicted GH-JRF at 90° and/or maximum arm elevation (Figures 8.3, 8.4, and 8.5b
and c). On average, adding friction to the model led to non-significant (p > 0.05,
Table 8.1) improvement (on average ~ 4%) of the model predicted GH-JRF at 90°
arm elevation. Except one case (S3-Abd, Figure 8.5¢), the model predicted GH-JRF
at the maximum arm elevation was improved by adding the friction to the model.
The statistical results showed that this improvement was significant (p = 0.01, Table
8.1).

Table 8.1. Comparing the model estimations of the GH-JRF before and after including the
frictional moments in the modeling process. The two-tailed p-value (p) and post-hoc power
(Power) for paired t-Test are given (n = 6).

* significant difference (p < 0.05)

Abd+FF
p Power
RMSE 0.03* 0.04
Eqp- 0.19 0.04
Eumax 0-01* 0.08

8.3.3. Friction coefficient

High linear correlation (R* > 0.75, Figure 8.6) was found between the friction (F; =
|[F{) and normal (Fy= |Fy|) forces. The estimated friction coefficient was found to
be between 0.07 and 0.36 (0.16 £ 0.10). A good agreement between friction
coefficient of abduction (0.18 + 0.12) and forward flexion (0.15 + 0.08) within
individual subjects was also observed. The effect of spinning component of the
measured moment on the calculated friction force was negligible (< 3%, 6 ~ 87°) for
subjects S1, S2, S4, and S6 while was considerable (on average ~ 20%, 6 ~ 63°) for
subjects S3 and S5.

8.4. Discussion

The FM measured by the instrumented shoulder endoprosthesis were implemented
in the IDO version of the Delft Shoulder and Elbow Model. The results showed that
implementation of the FM in the modeling procedure slightly improved (on average
~ 9%) the model calculation of the GH-JRF at the maximum elevation when using
the in-vivo measured GH-JRF as the reference for quantitative evaluations.

Adding friction generally led to increase in model estimations of the GH-JRF
(Figures 8.3 to 8.5). The importance of the load increase in the artificial shoulder
joints due to the friction is twofold:
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Figure 8.3. The measured and calculated GH-JRF with and without friction vs arm elevation
angle for six measured subjects during abduction motion.
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Figure 8.4. The measured and calculated GH-JRF with and without friction vs arm elevation
angle for six measured subjects during forward flexion motion.
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Figure 8.5. Difference between measured and calculated GH-JRF with and without friction
during abduction (Abd) and forward flexion (FF) for six measured subjects.

The (a) RMSE, (b) error at 90° arm elevation (E¢), and (c) error at the maximum arm
elevation (Eqmax)-
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motions. R?: the coefficient of determination, u: the friction coefficient (= F¢/Fy).
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Firstly, a higher joint reaction force is an indication of extra muscle force around the
glenohumeral joint. This extra force may cause fatigue during activities of daily
living and therefore reduce the functionality of the shoulder joint after joint
replacement.

Secondly, higher joint loads but especially also a higher tangential force due to
friction may cause early loosening of the artificial joint compartments. In an in-vitro
study, Andersson et al (1972) revealed that the FMs are not large enough to cause
loosening. However, a later study by Morrey and Ilstrup (1989) on 6128 patients
over 9 years showed that acetabular loosening rates were higher among patients with
hip implants with larger implant radii, where the larger implant head radius was seen
as an indicator of higher FM.

A large variability in measured FM (from 1.4 to 5.3 Nm) was observed among
different subjects. This variability could be related to different implant head shapes,
material, and/or radii. In case of our subjects, the shapes (spherical) as well as the
material (cobalt-chrome-steel alloy) of the implants were the same but the radii were
different (Table 3.1, Chapter 3). In line with Gandhe and Grover (2008), for our
subjects S2 and S3, who had the smallest implant head radii (22 mm), the lowest
max values for FM were found (1.47 and 1.40 Nm). Subjects S4 and S5, who had an
implant with a larger radius (24 mm) indeed had higher FM (3.11 and 2.90 Nm).
Subject S6 with the largest head radius (25 mm) had FM higher (3.82 Nm) than S2,
S3, S4, and S5. The only exception to this size — friction relationship was subject S1
who had the largest FM (5.26 Nm) but had the second largest implant head radius
(24 mm).

In a separate study, Westerhoff et al (2009b) observed large FM during performing
the activities of daily living like hair combing or holding and lifting weights. In the
current study only standard dynamic motions were analyzed. Given the low
calculated statistical post-hoc power (~ 0.1), a more decisive conclusion about the
significance of the effect of adding FM on the model outputs can be drawn by
considering a wider range of tasks including the activities of daily livings.

A relatively high linear correlation (R* = 0.88 + 0.09) between friction and normal
forces (Figure 8.6) showed that, as expected before, the contribution of Coulomb
friction in the artificial joint is higher than the other types of friction (e.g. viscous
friction, cohesion, etc.). Although there is no study on the friction coefficient of the
shoulder hemiarthroplasty, the calculated friction coefficients in the current study
(0.07 < 4 <£0.36) were comparable to the ones reported in the literature (0.001 < u <
0.35) for hip hemi-endoprostheses (Muller et al, 2004; O'Kelly et al, 1978; Patel and
Spector, 1997; Roberts et al, 1982; Rydell, 1966; Stachowiak et al, 1994; Tsukamoto
et al, 1992). One may need additional information to calculate the specific
contribution of the other types of friction in the artificial joint. For example to
estimate the viscous friction, the joint angular velocity should be calculated.
Although it is possible in the current study to calculate the shoulder joint angular
velocity from kinematic recordings, however, based on the obtained results the
contribution of the viscous type friction will be negligible.
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Although adding FMs to the model improved model predictions for patients with a
shoulder endoprosthesis, however, large discrepancies between the model and
experiments still remained (Figures 8.3 to 8.5). Therefore, one should think of
adding other model features:

As extensively discussed in Chapter 6, a major source of discrepancies, especially
for arm elevation angles above 90° (Figures 8.3 and 8.4) is the muscle co-
contractions in our patients. For the subjects who could elevate their arm above 90°,
implementation of the FM in the model did not have a major effect on the pattern of
the model predictions of the GH-JRF above 90° arm elevation angle (Figures 8.3
and 8.4). As it was shown in Chapter 6, implementing muscle co-contraction in the
model (i.e. by adding the measured EMG signals) could significantly improve the
model predictions.

As stated before, the default form of the energy-based muscle load sharing cost
function was used for inverse-optimization in this study. However, according to the
results in Chapter 7, using the tuned parameters for the energy-based cost function
may considerably improve the model predictions.

The morphological differences between the model and measured subjects seems to
be a major source of inconsistency (under and/or overestimations) between model
and experiments. The variability in the bony and muscular anatomy may change
many modeling parameters (e.g. physiological cross-sectional area, moment arms,
etc.). Therefore, a full-scaling of the model may have considerable effects on the
modeling results.

Implementation of the in-vivo measured FM by the instrumented shoulder
endoprosthesis in the Delft shoulder and Elbow Model improved the model
predictions by about 10%. It is concluded that including the friction in the modeling
procedure is important, at least for models of patients with shoulder endoprostheses.
However, still two important questions remain unanswered: do the FM values and
conclusions also apply to healthy joints? and, how should one add FM to the model
if does not have an instrumented endoprosthesis?

To answer the first question, one assumes a larger friction coefficient in the implant
than in the normal healthy joint considering that at least one part in artificial joint
has lost the cartilage tissue. Giving that a relatively linear relationship between
friction force and FM was found in this study, one would expect smaller magnitude
of FM and consequently smaller effect on the model results for healthy subjects.

Adding FM directly to the model without having an instrumented endoprosthesis is
hardly possible. By making several simplifying assumption (e.g. no spinning),
having the radius of the implant head and (in-vitro) friction coefficient in the
artificial joint, and using the model estimated GH-JRF by the original (no-friction)
model, one would be able to approximate the magnitude of the resultant FM from
Equations 2 and 5. However, it is not possible to calculate the components of FM
vector (in the glenoid system) from such limited information. The predicted
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resultant FM can only be used to assess the overall effect of adding FM to the
model, as can (partly) be seen in the results of the current study.

8.5. Conclusions

The in-vivo measured frictional moments by the instrumented shoulder
endoprosthesis were implemented in the Delft shoulder and Elbow Model. The first
time friction coefficient in the shoulder hemiarthroplasty was also estimated using
the in-vivo measured data. Following conclusions can be drawn from this study:

e Adding the measured frictional moments to model improved the model
predictions by about 10%. Such improvement was statistically significant. It
is, therefore, concluded that when using the model for patients with
shoulder arthroplasty, the friction should be considered in the modeling
procedure.

e The estimated friction coefficient for the shoulder hemiarthroplasty using
the in-vivo measured data was in the range reported in the literature for the
hip hemiarthroplasty. It is, therefore, concluded that the method which was
used in this study to estimate the friction coefficient is a valid method.
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Chapter 9

Conclusion, discussion,
and recommendations

eI —o— E—a———

9.1. Conclusion

The research reported in this thesis focused on the most challenging issue in the area
of musculoskeletal modelling: the validity of a musculoskeletal model.

The first time in-vivo shoulder joint loads measured in an instrumented shoulder
endoprosthesis (Westerhoff et al, 2009) (originally measured on the humeral head)
were represented on the glenoid side (Chapter 3). Within a wide range of motion of
the shoulder movements and for most (~ 86 %) of the measured patients and tasks,
the direction of the glenohumeral joint reaction force vector pointed towards the
glenoid cavity. This finding supports the validity of a modeling stability assumption
according to which the direction of the glenohumeral joint reaction force vector
should be constrained inside the glenoid fossa to maintain the joint stability.
Potential errors in CT image processing and/or motion recording are possible
explanations for the 14% situations where the GH-JRF points outside the glenoid.

The glenohumeral joint rotation center is impossible to palpate in-vivo and,
therefore, should be estimated. Two widely used functional methods including the
Instantaneous Helical Axes (IHA) (Woltring et al, 1994) and Symmetrical Center of
Rotation (SCoRE) (Ehrig et al, 2006) for estimating the glenohumeral joint rotation
center in-vivo were compared and validated based on patient-specific CT data
(Chapter 4). The IHA method resulted in a significantly more accurate
approximation (i.e. closer to the geometric rotation center derived from the subject-
specific CT-data) and is, consequently, recommended for estimation of
glenohumeral joint rotation center in-vivo for patients carrying shoulder implants.

To assess the validity of a sophisticated musculoskeletal model of the shoulder, the
Delft Shoulder and Elbow Model (DSEM), the in-vivo measured glenohumeral joint
reaction forces and moments from the instrumented shoulder hemiarthroplasty were
used as our ‘golden standard’ (Chapter 5). In general, the agreement between
predicted glenohumeral joint reaction forces by the ‘generic’ model (generic form
and morphology) and the in-vivo measured one was not satisfactory.
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We, consequently, identified a number of potential factors which might have caused
the differences between the model and experiment including:

1. the morphological difference between the subject and the model,

2. the antagonist muscle co-contraction,

3. the type of muscle load sharing cost function being used for inverse
optimization, and

4. the articular friction in the artificial joint.

To match few patients’ anatomical parameters, the model was uniformly scaled to
the subject’s mass and size (Chapter 5) which led to improvement of the model
predicted glenohumeral joint reaction force during the dynamic tasks (up to 26%),
but had a negligible effect (< 2%) on the force task results. This approach, however,
did not include the scaling of the subject’s specific muscle strength parameters (e.g.
PCSA).

To consider the possible antagonistic co-contraction in the model, an EMG-driven
version of the DSEM was developed in which the measured normalized EMG
signals of the superficial muscles of the shoulder could be used as the model inputs
(Chapter 6). Both types of inconsistencies between the generic model and the
measurements during performing dynamic motions, namely a general force
underestimation and a force drop above 90° humeral elevation, were found to be
related to antagonist co-contraction since inclusion of EMGs in the model input
could considerably improve both the magnitude (on average up to 45% at maximum
arm elevation) and the pattern (for above 90° arm elevation) of the model-predicted
glenohumeral joint reaction forces. An important conclusion would be that
antagonist muscle co-contraction should be considered in the modeling procedure
specially when simulating the above head shoulder movements.

New adjustable parameters of an energy-based muscle load sharing cost function for
inverse optimization (Praagman, 2008; Praagman et al, 2006) were identified in this
research (Chapter 7) which led to a closer match (on average up to 20% at maximum
arm elevation during performing dynamic motions) between the model and the
experiment as for the glenohumeral joint reaction forces. The identified parameters
are, therefore, recommended to be used instead of their predecessors (Praagman,
2008).

The friction-induced moments in-vivo measured by the instrumented shoulder hemi-
arthroplasty were also implemented in the DSEM (Chapter 8). Such implementation
led to about 10% improvement in the model prediction of the glenohumeral joint
reaction forces when compared with the in-vivo measured forces. It is therefore
concluded that the friction moments in the shoulder endoprosthesis are considerable
and should be included in the biomechanical analysis of artificial shoulder joints.

9.2. Discussion

The validity issue can be discussed on the level of either the kinematic or the
dynamic model. The validity of the model at these levels will subsequently be
discussed below.
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9.2.1. Validity of the kinematic model
9.2.1.1. Input motion

The validity of the methods/techniques being used in transition from measured
kinematics to input motion is of great importance since they can notably influence
the accuracy of the model inputs.

In-vivo palpated anatomical landmarks are used to determine the local coordinate
system of the bony segments and also to find the joint angles which are the input
motions to the DSEM. Anatomical landmarks which are impossible to palpate in-
vivo should be approximated. An important example is the glenohumeral joint
rotation center which needs to be estimated from the relative poses of the distal
(humerus) and proximal (scapula) segments. In Chapter 4, two functional methods
for the estimation of the glenohumeral joint rotation center including the IHA and
the SCoRE methods were compared. The IHA method resulted in a significantly
more accurate estimation of the glenohumeral joint rotation center for patients with
endoprostheses. However, neither SCoRE nor IHA approximated the joint rotation
center within 8 mm. Such deviation from the geometric rotation center, even for the
best approximations, has been also observed in other studies (Campbell et al, 2009;
Lempereur et al, 2010). This error might occur because CT landmarks were taken
from the bony surface images and in-vivo landmarks were obtained by palpation. In
a cadaver study on the hip, Cereatti et a/ (2009) concluded that the soft tissue artifact
was a major parameter affecting the performance of the functional methods for
estimation of the joint rotation center.

The impact of the inaccuracy in palpating the anatomical landmarks and/or
estimating the rotation center in-vivo depends on the application of the obtained
values. When used for the determination of the local coordinate system the effect
will be quite small, if not negligible. Obtained values will also be useful for scaling
etc. If, however, values are used to determine the moment arms of for instance
deltoid, effect can be much larger, both on calculated muscle forces, or muscle
length changes and ranges.

All three clavicular rotations are used for DSEM input. However, according to the
ISB standardization protocol for upper extremity (Wu et al, 2005) only two
anatomical landmarks on the clavicle (SC and AC, Table 3.3, Chapter 3) can be
palpated in-vivo. Therefore, the axial rotation of the clavicle cannot be directly
calculated from the recorded kinematics and should be approximated. van der Helm
and Pronk (1995) developed an iterative Gauss-Newton method according to which
the axial rotation of the clavicle could be estimated from the orientation of the
scapula assuming minimized rotations in the acromioclavicular joint. This method
was used in the current research to determine the axial rotation of the clavicle (see
Chapters 2, 5, 6, 7, and 8). The assumption that the rotations in the
acromioclavicular joint are minimized, however, still needs to be experimentally
validated. Using bi-planar fluoroscopy technique may help in that regard.
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9.2.1.2. Kinematic optimization

In the Delft Shoulder and Elbow Model, the shoulder girdle is modeled as a close-
chain mechanism. Two major constraints of the close-chain mechanism (see section
2.8, Chapter 2) should be met:

1. the length of the conoid ligament must remain constant (= 1.83 c¢cm), and

2. the distance between the surface of the thorax and the points TS and Al
(Table 3.3, Chapter 3) must remain constant.

Force in the ligament depends only on the ligament length since the ligament is a
passive element (Pronk et al, 1993). The length changes in the ligaments would
cause huge changes in ligament forces, which would affect the muscle force during
inverse optimization as well. The rigid conoid ligament, which has been modelled
by TRUSS element in the current form of the DSEM, cannot be
shortened/lengthened but can transmit muscle forces. The drawback of a rigid
ligament is that it constraints the input motion. Alternative could be to allow length
changes of the ligaments, and make the forces in the ligaments independent of the
ligament length. This, however, may violate the physical laws (absence of a stress-
strain relationship). A more detailed study of the ligament characteristics is possible
through the forward dynamics simulations during which the ligaments play a major
role in preventing excessive joint rotation (Pronk et al, 1993).

Although the scapula is constrained to glide over the thorax, there is no experimental
proof about the validity of the second argument. Some preliminary calculations
(Bolsterlee et al, 2011) show that at higher arm elevation angles (> 90°) this
hypothesis may be violated. The effect of replacing this constraint with a soft
constraint, however, has not yet been quantified but it is likely that using a soft
constraint (like the one which is already implemented in the AnyBody modeling
system and/or is already possible in the forward model version of the DSEM) would
affect the scapular rotations like antero-posterior tilt. Using bi-planar fluoroscopy
measurements could be extremely helpful to assess the validity of this assumption.

To accommodate for differences in the geometry between subject and model and to
ensure that all recorded position inputs to the model can actually be attained by the
model, the measured input angles are adjusted by minimization of the cost function
defined as follows (see also Equation 2, section 2.2.2):

J=W ((dCx Y +(dc, ) +(dc. )2) + Wy (4, + (s, )" +(d5.) (1)

Where dC, and dS, are the differences between the measured and optimized angles
for the clavicle and scapula around the x-axis, respectively. A similar definition is
applied for angles around the y- and z- axes. W, and W, are weight factors. By using
this cost function and tuning the weight factors, the errors spread over different joint
angles. As discussed before (section 2.8, Chapter 2), the choice of the relative weight
factors (W, and W,) is very subjective. Therefore, a set of weight factors that results
in the best match between the model-calculated and measured angles for one subject
will not necessarily the best one for another subject with a completely different
morphology and/or scapular motion pattern. As a conclusion, for future application,
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one should keep in mind not using the kinematic optimization cost function when
fully scaling the model to the subject-specific geometry because of the possible extra
errors that it might add.

9.2.2, Validity of the dynamic model
9.2.2.1. Load sharing

More than one combination of muscle forces may produce the same given net
moment around a joint. The muscle load sharing is approximated by minimizing a
cost function to find a unique solution.

The results of this thesis (Chapters 5 and 7) showed that the choice of a muscle load
sharing cost function for inverse optimization (the IDO model, Chapter 2) can have
a (relatively) considerable effect on the model predictions for individual muscles as
well as for the glenohumeral joint reaction forces. As a general conclusion of this
study, we recommend the use of the energy-based cost function instead of the
traditional quadratic stress cost function for future applications. This
recommendation is given based on the following reasons:

1. The energy-based cost function is more physiologically related since, in
contrast to the stress cost function, it accounts for the muscle dynamics (i.e.
muscle force-length relationship) in the inverse-dynamic optimization
process.

2. In the study by Praagman et al/ (2008; 2006), a closer match (less false-
negatives) was found between the DSEM predicted individual muscle forces
and the measured EMG signals when using the energy-based cost function
compared to the stress criterion. The study by Praagman et al/ can be seen as
a qualitative validation of the energy-based cost function.

3. In the current study, the model predictions of the glenohumeral joint
reaction forces generally showed a closer match to the in-vivo measured
forces using the energy-based cost function compared to the stress criterion
(Chapters 5 and 7). The current research can be seen as a quantitative
validation of the energy-based cost function.

9.2.2.2, Joint stability
The glenohumeral stability was extensively discussed in Chapters 2, 3, and 5.

As mentioned before, the (quasi-static) stability of the model is being maintained by
constraining the direction of the glenohumeral joint reaction force vector inside the
glenoid to prevent the glenohumeral joint dislocation. In Chapter 3, it was proved
that this is a valid assumption since for a wide range of motion of the shoulder, the
trajectory of the in-vivo measured glenohumeral joint reaction force vector stayed
inside the glenoid fossa.

The quasi-static stability is somewhat different from finctional stability aiming to
handle perturbations at arm elevations above 90° when the arm behaves like an
inverted pendulum. Antagonist muscle co-contraction was proposed to be a potential
candidate providing the functional stability (see Chapter 5). In Chapter 6, the effect
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of considering muscle co-contraction in the modeling process was evaluated which
showed notable influence on the magnitude as well as the pattern (above 90° arm
elevation) of the model predicted glenohumeral joint reaction force. Therefore, an
important conclusion of the current study would be that antagonist muscle co-
contraction should be considered in the modeling procedure specially when
simulating the above head shoulder movements.

9.2.2.3. Input EMG signals

Through optimization of muscle forces in the DSEM, no co-contraction will be
predicted, whereas the glenohumeral joint reaction force measurements indicate that
co-contraction is present above 90 degrees humeral elevation (see Chapters 5 to 8).
To account for possible antagonist muscle co-contraction, an EMG-driven model
was developed in this research (see Chapter 6). The measured EMG-signals were
normalized and used as inputs to the forward muscle model in the EMG-driven
model. The results of Chapter 6 revealed that including measured EMG signals in
the modeling process could tremendously improve (up to 50%) the model
predictions of the glenohumeral joint reaction forces.

The normalized EMG signal as inputs to the EMG-driven model determines the
magnitude of the predicted muscle forces by the forward muscle model. The
techniques being used to treat (i.e. normalize) the raw measured EMG signals will
notably affect the magnitude of the EMG amplitude and most likely the outcomes of
an EMG-driven musculoskeletal model. There is no consensus in the literature yet
about the most appropriate normalization technique (Chapter 6). EMG-
normalization based on the maximum EMG obtained from MVCs has a major
limitation for usage during dynamic shoulder motions and for patients. As observed
in Chapter 6, for some muscles the EMG measured during dynamic trials may
exceed the maximum EMG obtained from MVCs. The choice of the most
appropriate method for EMG normalization, especially during dynamic tasks, seems
to be a major challenge for the future applications.

9.2.2.4. EMG-force relationship

In the developed EMG-driven model (Chapter 6), a Hill-type model was used for
EMG to force (neural to muscle activation) transformation.

The Hill-type model considers a linear EMG-force relationship (line I, Figure 9.1).
However, studies observed some nonlinearities in the EMG to joint moment
relationship (Woods and Bigland Ritchie, 1983). A nonlinear (exponential) EMG-
force relationship (line II, Figure 9.1) was used for prediction of muscle forces and
joint moments from EMGs in spine (Potvin et al, 1996) and knee (Lloyd and Besier,
2003). Manal and Buchanan (2003) used a nonlinear exponential model for lower
activations (u < 0.3) but a linear proportional for higher activations (line III, Figure
9.3). By implementing the two-phasic relationship in an EMG-driven Hill-type
model, they found a better prediction of the measured elbow joint moment in
comparing to when using a linear affinity. In the current study (Chapter 6), for all
subjects and motions an overestimation of the measured glenohumeral joint reaction
forces occurred at the lower elevation angles (lower activation). In case of our
subjects, it seems that a better fit of the measured glenohumeral joint reaction forces
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will be acquired when using an EMG-force relationship completely in the reverse
direction (line IV, Figure 9.1) of what the previous studies used. The effect of using
a nonlinear EMG-force relationship on the modeling results still needs to be
quantitatively evaluated for future applications.

1 Pt
—v"— “““““ l!
8 N
" /""‘ o II
e ‘_.o .'-
08 N 'r" ““““ ! 4
~ = J
- o ’
k4 !
S P ;
) ,r ..,." ;
[ Fa I s
> 067 s o s 7
".: 4 "" ’h
[&] I' ."
® S | S
o
% 0.4r '/"’.. /"‘ 1
7 £ |V
=] ,l 3 K4
2 l' o J"
’ _." 2l
1’." -~
0.2r 25 o 7
i -7
é‘: “‘,o
R
f e
o, -
0 ie-” | | | |
0 0.2 04 0.6 0.8 1

Neural activation

Figure 9.1. The neural-muscle activation (EMG-force) relationships.

(I) proportional, (II) nonlinear relation used in reference (Potvin et al, 1996) , (III) two-
phasic (nonlinear and proportional) relation used in reference (Manal and Buchanan, 2003),
and (IV) nonlinear relationship in the reverse direction of 1.

9.2.2.5. Glenohumeral joint reaction forces

A main goal of this research was to quantitatively validate a comprehensive model
of the shoulder i.e. the Delft Shoulder and Elbow Model (DSEM). The in-vivo
measured glenohumeral joint reaction forces from an instrumented shoulder
hemiarthroplasty were used as our ‘golden standard’ for validation.

Results of the current study (Chapters 5 to 8) showed that the model-calculated
(using the original version of the model) and in-vivo measured glenohumeral joint
contact forces were not identical. The differences appeared in:

e the magnitude of the resultant force,

e the pattern of the resultant force for arm elevations above the horizontal
level (> 90°), and

e the trajectory of the force vector inside the glenoid cavity.

For standard dynamic tasks (i.e. abduction and forward flexion), the original model
generally underestimated the peak resultant force (on average across six subjects
~40%, Chapter 8), although few cases of overestimation (up to about 5% for one
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subject, Chapter 8) were also observed. For the quasi-static force tasks, the original
model generally overestimated (on average across two subjects ~ 23%, Chapter 5)
the peak resultant force for most directions of applying external loads. One may
conclude that the DSEM in the original form (in the generic form and morphology
and without any development/modification) is moderately accurate for the
estimation of glenohumeral joint reaction forces.

The calculated and measured forces showed also a different behavior for angles
above 90° arm elevation; the calculated force started to decrease, while the
measured force continued to increase (Chapters 5 to 8). This finding violates the
traditional shoulder modeling assumption (Poppen and Walker, 1978) according to
which model-predicted joint reaction force for above 90° arm elevation should
decrease because the lever of the external force/arm weight decreases after 90°
(Ackland et al, 2008). As discussed in Chapter 5, the different behavior observed for
our patients may has been caused by the existence of a pathological motor control,
including excessive co-contraction, related to the use of a shoulder endoprosthesis.
We do believe that this is only partially the case since co-contraction most likely also
occurs in healthy subjects, and propose two arguments that underline our belief that
the conclusion in this research (for implanted patients) can be generalized to healthy
subjects:

1. For our patients no serious rotator cuff damage was reported (see Section
3.2.2, Chapter 3). Therefore, the chance of muscle tear/dysfunction is low.
However, they are still prone to have pathological motor control as may be
concluded from their limited elevation capacity (see Table 3.2, Chapter 3).

2. EMG measurements on both healthy (van der Helm, 1994) and patients (the
current study) showed that the neural activity increases above 90°.
Increasing the muscular activity would be an indication of extra effort
needed for stabilizing the shoulder joint above 90° (see 9.2.2.2) for both
patients and healthy subjects.

In general, the match between the position of the intersection of the joint reaction
force vector and the glenoid predicted by the model and the one measured was not
satisfactory (Chapter 5). The mismatch between the direction of the force vector in
model and experiment was not notably improved by modeling developments and
modifications (e.g. uniform scaling and using alternative cost function). As the
results of Chapter 3 showed, the position of the points of application of the reaction
force vectors on the articular surface of the glenoid fossa not only considerably
changes from one subject to the other but also is very sensitive to either the accuracy
of the recorded motion (e.g. lateral rotation of the scapula) or changes in the
geometrical parameters for individual subjects (e.g. tilt angle between the scapula
and the glenoid). Therefore, scaling the model to subject-specific geometry may
considerably affect (and most likely in the right direction) the model predicted
trajectory of the glenohumeral joint reaction force vector inside the glenoid cavity.
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9.3. Recommendations

9.3.1. Which model version/modification and when should
be used?

This study provided all aspects and developments of the Delft Shoulder Model since
its original introduction in 1994 (Chapter 2). Some novel modifications in the model
were also carried out in this research (Chapters 6 to 8).

Three different simulation architectures available in the DSEM including an inverse
dynamics optimization - IDO, an inverse-forward-dynamics optimization - IFDO,
and an inverse-forward-dynamics optimization with controller — IFDOC, were
presented and qualitatively validated in Chapter 2.

The IDO and IFDO predicted similar forces indicating that the effects of considering
the muscle force-velocity relationship in case of low-speed motions were not
remarkable. Given that the IDO model is slightly faster than IFDO and has a simpler
structure it is recommended to be used to study low- and/or medium- speed dynamic
shoulder movements.

As the results in Chapter 2 showed, the IFDOC predicted higher glenohumeral joint
reaction forces during dynamic motions like forward flexion compared with the IDO
(and IFDO). Considering the general model underestimation of the resultant
glenohumeral joint reaction forces (Chapters 5 to 8), the IFDOC could potentially be
a better candidate for modeling dynamic tasks. However, relative muscle forces
predicted by IFDOC for some major muscles (e.g. trapezius and deltoid, Chapter 2)
do not seem to be realistic. This could be caused by excessive motions which can be
improved by (small) modifications in the model. A rigorous validation of the IFDOC
model is still required for a decisive conclusion about using IFDOC for future
applications.

Uniform (size and mass) scaling showed capability to improve the model
predictions, at least during performing dynamic shoulder tasks (up to 26%, Chapter
5). It is therefore concluded that the differences in morphology between the subject
and the model could be a major source of discrepancies between the model
calculations and experimental results. Thus, scaling the model to subject’s
morphology is strongly recommended for future application of the model. To do this,
one would need data, especially MRI since that is feasible for patients (CT is better
for the kinematic model). Scaling the muscle characteristics is expected to have a
considerable effect.

By modifying the IFDO version of the DSEM (Chapter 2) a novel version of the
model, i.e. the EMG-driven model, was developed (Chapter 6). Since the new model
showed high capacity to improve both the magnitude (up to 50%) and the pattern
(for above 90° arm elevation angle) of the model predicted resultant glenohumeral
joint reaction forces, it is much recommended to use this new model for future
applications. However, one should note that still a validation is needed at the level of
EMG normalization and EMG-to-force relationship.

The result of Chapter 7 showed that the energy-based criterion with new identified
parameter set resulted in not only significant improvements (up to 20%) of the
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model calculated glenohumeral joint reaction forces (compared with the ones in-vivo
measured) but also a relative contribution of the two energy terms at maximum
muscle activation which coincides with the corresponding values in the literature
(in-vitro studies). It is, therefore, recommended to use the identified parameters for
the energy-based cost function in this thesis (Chapter 7) instead of the previously
assumed parameters (Praagman, 2008) for future modeling applications during
standard dynamic shoulder motions like abduction and forward flexion.

The in-vivo measured frictional moments by the instrumented endoprosthesis were
implemented in the modeling procedure (Chapter 8). Adding the frictional moments
led to a general increase in the magnitude of the model-predicted resultant
glenohumeral joint reaction force. Higher joint loads but especially also the
tangential force due to friction may cause an unexpected earlier loosening of the
artificial joint compartments. Also, extra force due to friction may cause fatigue
during the activities of daily living and therefore reduce the functionality of the
shoulder joint after joint replacement. Therefore, when using the model for implant
design and estimating loads on the shoulder joint in the implanted patients, the effect
of articular friction on the modeling results should be considered.

9.3.2. Recommendations for future research

Although several important aspects of the biomechanical modeling of the shoulder
have been investigated in this research, some aspects still remained unexplored.

e One would anticipate the subject-specific modeling to be one of the most
challenging issues in the future of musculoskeletal modeling. The
morphological difference between the model and measured subjects seems
to be a major source of the observed inconsistency between the model and
experiments in this research. The results of EMG-driven modeling (Chapter
6) showed that how sensitive is the model to boundaries on the maximum
permissible individual muscle forces. Therefore, a full (subject-specific)
scaling which especially includes the muscle strength parameters (e.g.
PCSA, volume, optimum fiber length, etc.) obtained by CT/MRI data must
be a next step.

e As we saw, some modeling assumptions (e.g. the constant distance between
the surface of the thorax and the points TS and AI, minimizing the rotations
in the AC joint, etc.) in the DSEM still need to be experimentally validated
in the future.

e The musculoskeletal model mainly used in this thesis was the DSEM.
However, in Chapter 2 other available models of the shoulder were
presented and compared with the DSEM. What really influences the
predictions of a musculoskeletal model is related to the modeling
assumptions. To keep the merits of the DSEM but also for a true
comparison, the different modeling assumptions and developments from the
other models could be implemented and evaluated in the DSEM. Examples
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of these developments are listed below, however, one should not limit
his/herself to this list.

o The effect of applying two different muscle load sharing cost
functions (including the stress and energy-based criteria) on the
model results has been studied. Rasmussen et a/ (2007) found
considerably different (~ 40%) model-predicted (by the AnyBody
shoulder model) glenohumeral joint reaction forces when applying
the quadratic (stress) and min/max (Rasmussen et al, 2001) criteria
as the muscle load sharing for inverse optimization. It would be,
therefore, interesting to implement the min/max criterion in the
DSEM and investigate the effects of using this cost function on the
model estimations.

o Instead of a simple muscle wrapping method being used in the
current version of the DSEM, a recently developed algorithm for
exact multi-object muscle wrapping (Marsden et al, 2008) can be
implemented and used. Using this new algorithm for wrapping of
the larger muscles like deltoid may lead to considerable changes in
the muscle moment arms. Therefore, it would be an important next
step to implement the new algorithm for muscle wrapping in the
DSEM.

Despite the fact that development of the EMG-driven version of the DSEM
led to remarkable improvements in the model predictions of the

glenohumeral joint reaction forces, there is still much room for improvement
of the EMG-driven model.

o Current state-of-the-art EMG normalization techniques are far from
perfect. To develop an appropriate method for EMG normalization
will be a future challenge.

o There is still a need to develop a physiologically-based method to
distribute EMG signals from measured muscles between similar
muscle elements in the model.

o A nonlinear EMG-to-force relationship (Figure 9.1) can be
implemented in the model and be evaluated the future applications.

The effect of uniform scaling (Chapter 5), including the co-contraction in
the model input (Chapter 6), using the energy-based cost function with
tuned parameters (Chapter 7), and implementing the in-vivo measured
frictional moments in the modeling process (Chapter 8) on the model result
was separately studied in different chapters of this thesis. However,
considering that none of these effects is linear, the effect of a combination of
all these features on the modeling outcomes will not be necessarily a linear
superposition of the individual effects. Thus, a multi-factorial effect study
would be a future work.
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Detailed information about muscle forces in the human body musculoskeletal
system are highly demanded for several applications such as the improvement of the
design and preclinical testing of endoprostheses, a more detailed description of
muscle- or joint-injuries, and design and improvement of the treatments of motor
disorders. Unfortunately, the measurement of muscle forces in-vivo is hardly
possible by noninvasive methods. Today, biomechanical models of the
musculoskeletal system are best alternative for the direct measurement of these
forces. A musculoskeletal model of the upper extremity may be useful in the
estimation of forces in the shoulder.

The shoulder joint is a complex and extremely moveable joint system, comprised of
three synovial joints between thorax and humerus. The interactions between the
many degrees-of-freedom of the shoulder girdle limit the usefulness of simple 2D
models and lead to complex 3D models. These models should be detailed enough to
realistically replicate the behaviour of the musculoskeletal system. The
musculoskeletal model mainly used in this thesis is the Delft Shoulder and Elbow
Model (the DSEM), a comprehensive 3D model developed in the Biomechatronics
& Biorobotics Group at the Faculty of Mechanical Engineering, Delft University of
Technology. To date, the DSEM has been used in a variety of clinical and
biomechanical applications.

A major concern in biomechanical modeling of the human body musculoskeletal
system is model validity. We use biomechanical models because we cannot directly
measure muscle forces. On the other hand, to validate a model we need to compare
its predictions to real measured muscle forces. This conflict makes model validation
one of the most challenging issues in the area of musculoskeletal modeling. The
agreement between force patterns and EMG can only be seen as a qualitative
validation since this agreement does not give information on the magnitude and
accuracy of predicted force levels.

The main goal of this thesis is the validation of a comprehensive biomechanical
model of the shoulder, i.e. the DSEM. Recently, an implantable instrumented
shoulder endoprosthesis has been developed that is capable of measuring contact
forces and moments inside the glenohumeral joint in-vivo. The endoprosthesis has
been tested and implanted in a number of patients. Although direct measurement of
muscle forces is still not possible by this instrumented implant, it does allow for a
general validation at the level of the summed muscle forces in the glenohumeral
joint. In this thesis the measured reaction forces in the shoulder joint using an
instrumented endoprosthesis are used, as a ‘golden standard’, for the validation of
the DSEM.
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Aside from the introductory chapter, the other chapters of this thesis are organized
into two major parts. Where the chapters of the first part deal with the validation of
the DSEM at the level of kinematic and dynamic models, the second part explores
the reasons for the differences between model predictions and experimental data and
focuses on model adjustments to find a closer match between model and experiment.

In the first part, Chapter 2 comprises a review of the DSEM developments since its
first introduction, describes the different simulation architectures available in the
DSEM, and compares this model to the other sophisticated shoulder models.
Different DSEM simulation architectures are qualitatively validated following an
EMG-force comparison approach. In Chapter 3, the validity of a major stability
constraint in the model is experimentally evaluated using the in-vivo measured
glenohumeral joint reaction forces transferred to the glenoid. It is shown that within
a wide range of shoulder movements and for most (~ 86 %) of the measured patients
and tasks, the direction of the glenohumeral joint reaction force vector points
towards the glenoid cavity. This supports the modeling stability assumption
according to which the direction of the joint reaction force vector is constrained
inside the glenoid fossa to maintain the joint stability. At the level of kinematic
modelling, different methods, i.e. the Instantancous Helical Axis (IHA) and
Symmetrical Center of Rotation (SCoRE) methods for approximation of the
glenohumeral joint rotation center are compared and validated based on patient-
specific CT data (Chapter 4). As a conclusion of chapter 4, the IHA method is
recommended for estimation of glenohumeral joint rotation center for patients
carrying shoulder implants since it shows a significantly closer approximation to the
geometric rotation center derived from the subject-specific CT-data. Regarding the
dynamic model, , the in-vivo measured glenohumeral joint reaction forces in the
shoulder joint using an instrumented shoulder endoprosthesis are used to
quantitatively validate the model at the level of summed muscle forces around the
glenohumeral joint (Chapter 5). Three types of differences appear between model
and experiment:

1. difference in the magnitude of the resultant glenohumeral joint reaction
force including a general model underestimation during standard dynamic
tasks while a general model overestimation during quasi-static force tasks,

2. difference in the pattern (ascending measured vs. descending model-
predicted) of the resultant glenohumeral joint reaction force for arm
elevations above the horizontal level during standard dynamic tasks, and

3. (difference in the position of the intersection of the glenohumeral joint
reaction force vector with the articular surface of the glenoid fossa during
both dynamic and force tasks.

In the second part of this thesis we try to explore the reasons for the differences
between model predictions and experimental data that were observed and described
in the first part. A selection of potential causes is identified among which three are
explicitly presented and investigated.

To match the model to some extent to the patients’ anatomical parameters, the model
is uniformly scaled to the subject’s mass and size leading to an improvement of
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approximately 25% in the magnitude of the model-predicted resultant glenohumeral
joint reaction force during dynamic tasks (Chapter 5). Uniform scaling, however,
does not show any notable effect on either the pattern of the model-predicted
resultant force for arm elevations above the horizontal level or the trajectory of the
force vector inside the glenoid cavity.

Antagonist muscle co-contraction is proposed to be a potential candidate explaining,
especially, the difference in the pattern of measured and model-predicted resultant
force for arm elevations above the horizontal level (> 90°). In Chapter 6, to account
for muscle co-contraction in patients with arthroplasty an EMG-driven version of the
DSEM is developed in which the muscle activation is set equal to the recorded EMG
for some of the muscles. The influence of considering muscle co-contraction in the
modeling process is found to be notable (on average up to 45%) on both the
magnitude and the pattern above 90° arm elevation of the model predicted
glenohumeral joint reaction force.

In Chapter 7 we try to identify the adjustable parameters of an energy-based muscle
load sharing cost function. The new criterion has been shown to be promising but
had previously not been fine-tuned. New adjustable parameters are identified in that
chapter leading to a closer match (on average up to 20%) between the model and the
experiment as for the glenohumeral joint reaction forces.

In Chapter 8, the friction-induced moments in-vivo measured by the instrumented
shoulder hemiarthroplasty are implemented in the DSEM. This implementation
leads to slight (but statistically significant) improvements (on average up to 10%) in
the model prediction of the resultant glenohumeral joint reaction forces when
compared with the in-vivo measured forces. It is concluded that friction moments in
the shoulder endoprosthesis are considerable and should be included in the
biomechanical analysis of artificial shoulder joints. In that chapter, the Coulomb
friction coefficient in an artificial shoulder joint is also estimated using the in-vivo
measured forces and frictional moments.

The final chapter (Chapter 9) evaluates progress and new challenges resulting from
the undertaken research and highlights the main findings of the thesis. Some
guidelines are also suggested and areas for future research are recommended.
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Samenvatting

Gedetailleerde informatie over spierkrachten in het menselijk bewegingsapparaat is
voor diverse toepassingen van groot belang, zoals voor de verbetering van het
ontwerp en het preklinisch testen van endoprothesen, een meer gedetailleerde
beschrijving van de spier- of gewrichtsblessures en het ontwerp en de verbetering
van behandelingsmethoden voor motorische stoornissen. Helaas is het meten van
spierkrachten in-vivo nauwelijks mogelijk via niet-invasieve methoden en zijn
biomechanische modellen van het bewegingsapparaat het beste alternatief voor de
rechtstreekse meting van deze krachten. Dit geldt ook voor modellen van de
bovenste extremiteit en de schatting van krachten in de schouder.

Het schoudergewricht is een uiterst beweegbaar complex gevormd door drie
synoviale gewrichten tussen de thorax en de bovenarm en het zogenaamde
scapulothoracale glijvlak. De interacties tussen de vele graden-van-vrijheid in de
schoudergordel beperken het nut van eenvoudige 2D-modellen en vereisen
complexe 3D-modellen om een realistische schatting van spierkrachten in de
schouder mogelijk te maken.

Het spierskeletmodel dat in dit proefschrift een predominante rol speelt is het Delft
Shoulder and Elbow Model (de DSEM), een uitgebreid 3D-model ontwikkeld in de
Biomechatronics & Biorobotics Groep van de faculteit Werktuigbouwkunde,
Technische Universiteit Delft. Het DSEM wordt gebruikt in een breed scala van
klinische en biomechanische toepassingen.

Een belangrijk aandachtspunt in de biomechanische modellering modelvaliditeit. We
maken gebruik van biomechanische modellen, omdat we spierkrachten niet direct
kunnen meten, terwijl de validiteit van de voorspellingen eigenlijk alleen te bepalen
is via de directe meting van diezelfde krachten. Dit conflict maakt modelvalidatie
een van de meest uitdagende vraagstukken op het gebied van spierskeletmodellering.
De overeenkomsten tussen berekende krachten in de tijd en gemeten spieractiviteit
of EMG kan helaas alleen worden gezien als een kwalitatieve validatie omdat EMG
geen informatie bevat over de absolute grootte van de voorspelde krachten.

Het belangrijkste doel van dit proefschrift is de validatie van het DSEM met behulp
van een recent ontwikkelde implanteerbare geinstrumenteerde
schouderendoprothese. Met deze prothese kan de contactkracht tussen humeruskop
en het glenoid van de scapula in-vivo gemeten worden. Hoewel de directe meting
van spierkrachten met deze geinstrumenteerd prothese nog niet mogelijk is en er
alleen een totaalkracht gemeten kan worden, maakt de prothese het mogelijk om het
model op het niveau van de totaalkrachten die in het glenohumerale gewricht
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werken te valideren. In dit proefschrift worden de gemeten contactkrachten
vergeleken met behulp van het DSEM berekende krachten.

Naast het inleidende hoofdstuk, is dit proefschrift georganiseerd in twee delen. Het
eerste deel richt zich op de validatie van de DSEM op het niveau van kinematische
en dynamische modellen, het tweede deel omvat een aantal studies waarin de
verschillen tussen de modelvoorspellingen en de experimentele data nader
onderzocht worden en waarin modelaanpassingen gepresenteerd worden die de
afstemming tussen model en experimentele data verbeteren.

Het eerste deel wordt gevormd door hoofdstuk 2 tot en met 5. Hoofdstuk 2 geeft een
overzicht van de DSEM ontwikkelingen sinds de introductie van het model en
beschrijft de verschillende beschikbare simulatie-modes die in het DSEM
beschikbaar zijn. Daarnaast wordt het model vergeleken met andere beschikbare
schoudermodellen.

In hoofdstuk 3 wordt een van de belangrijkste aannames in het DSEM, namelijk dat
de krachtsvector in het glenohumerale gewricht loodrecht op het vlak van het
glenoid-oppervlak moet staan, nader ge-evalueerd. Uit de resultaten blijkt dat binnen
een groot scala van schouderbewegingen en voor de meeste (~ 86%) van de
pati€nten gemeten en taken de reactieckracht op het glenoidoppervlak gericht is. Deze
bevindingen ondersteunen de algemene modelaanname dat de reactiekracht binnen
het glenoidoppervlak gericht blijft en moet blijven om gewrichtsstabiliteit te
waarborgen.

In hoofdstuk 4 worden twee verschillende methoden om het glenohumerale
rotatiepunt te bepalen met elkaar vergeleken. Op basis van pati€nt-specifieke CT-
gegevens zijn de “Instantaneous Helical Axis” (IHA) en “Symmetrical Center of
Rotation” (SCoRE) methoden met elkaar vergeleken en gevalideerd aan het
geometrisch bepaalde rotatiecentrum. Geconcludeerd wordt dat de IHA de
aanbevolen methode is voor de schatting van het glenohumerale gewrichtsrotatie-
centrum, in ieder geval voor pati€énten met een schouder gewrichtsvervanging.

De modelresultaten voor wat betreft de berekende contactkrachten worden in
Hoofdstuk 5 vergeleken met de in-vivo gemeten glenohumerale reactiekrachten. Op
basis van deze vergelijking konden drie verschillen worden onderscheiden:

1. de berekende contactkracht gaf in het algemeen een onderschatting van de
gemeten waarden tijdens arm elevatie, maar een overschatting voor de
berekening van krachten voor de krachttaken;

2. er was een verschil in het verloop van de gemeten en voorspelde krachten
athankelijk van de mate van arm elevatie. Bij heffing van de arm boven
horizontaal nam de gemeten reactieckracht nog steeds toe terwijl de
berekende reactiekracht afnam;

3. De berekende en gemeten projectie van de reactie- of contactkracht op het
oppervlak van het glenoid kwamen zowel voor de arm elevatietaken als de
krachttaken niet geheel overeen.
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In het tweede deel van dit proefschrift worden drie mogelijke oorzaken voor de
verschillen tussen de modelvoorspellingen en experimentele resultaten ge-
exploreerd.

Om het model enigermate overeen te laten komen met de anatomie van de gemeten
patienten is het model geschaald. De gebruikte schalingsmethode was die naar
proefpersoon-gewicht en —lengte. Deze methode leidde tot een verbetering van de
berekende krachten van ongeveer 25% van het oorspronkelijke verschil (Hoofdstuk
5). Uniform schaling blijkt echter geen noemenswaardige invloed te hebben op het
patroon van de reactie- of contactkracht of het verloop van de projectie van de
krachtvector op het oppervlak van het glenoid.

Het verschil tussen modelresultaten en gemeten resultaten boven de 90° elevatie is
mogelijkerwijs te verklaren uit de aanwezigheid van co-contractie die door patiénten
daarenboven mogelijk meer gebruikt wordt dan bij gezonde proefpersonen het geval
zou kunnen zijn. In hoofdstuk 6 is de co-contractiec meegemodelleerd door gebruik te
maken van EMG van een selectie van schouderspieren als additionele input.
Hiervoor werd de “EMG-driven” versie van het DSEM gebruikt. De invloed van
additionele spieractiviteit (en daarmee co-contractie) was aanzienlijk (gemiddeld tot
45% verbetering) op zowel de grootte als het verloop van de voorspelde
reactiekracht.

In hoofdstuk 7 wordt geprobeerd een eerder ontwikkelde cost-functie te “tunen”.
Deze nieuwe, op energieverbruik gebaseerde cost functie is al eerder gebruikt en
beschreven maar was tot nu toe alleen gebruikt met vooraf gekozen, beredeneerde
parameters. In dit hoofdstuk blijkt dat met beter gekozen parameters en een betere
verdeling van de weging van activatie en contractie de berekende resultaten
ongeveer 20% meer overeenkomen met de gemeten resultaten voor de
gewrichtsreactiekracht.

In hoofdstuk 8 wordt getracht de in-vivo gemeten momenten in de humeruskop te
incorporeren in de mechanische analyse met behulp van het DSEM. Deze momenten
zijn het gevolg van wrijving tussen plastiek-kop en glenoid. De implementatie van
de wrijvingsmomenten als extra input leverde een kleine, doch statistisch
significante verbetering op van de modelvoorspellingen ten opzichte van metingen
(tot 10% verbetering).  Geconcludeerd kan worden dat de wrijving in de
schouderprothese aanzienlijk is en geimplementeerd zou moeten worden in de
biomechanische analyse van kunstmatige schoudergewrichten

Het afsluitende hoofdstuk (hoofdstuk 9) omvat een algemene bespreking van de
reultaten van dit werk en de daaruit voortvloeiende nieuwe uitdagingen. Het wordt
afgesloten met een bespiegeling omtrent vervolgonderzoek naar aanleiding van deze
proefschrift.
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