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ABSTRACT

The goal of this paper is to study how external gravitational forces stress the lower extremity bones and to ascertain and
study how muscle activation compensates for the external load. For these purposes relatively accurate anatomical and
biomechanical modelling is necessary. For a comparison of the calculated results to the naturally occurring muscular
activity, seven-channel surface EMG activity was recorded. For simplicity a two-dimensional model was developed for
the sagittal plane including 19 lower extremity muscles relevant to human standing and walking. In the calculation
procedure of muscle forces an optimization procedure is also included. The results give rise to the expected assumption
that muscle action is covered by two main requirements: first, to stabilize the joint actively (moment equilibrium) and,
second, to compensate efficiently for bending moments produced by gravitational and external forces.

Keywords: Bending moment, musculo-skeletal system, biomechanical modelling

INTRODUCTION

Only a few researchers in the past have studied the
close collaboration of bone and skeletal muscle.
Galileo Galilei, in 1638, according to Baron', was the
first and already at that time related the bone shape to
the corresponding muscle function. More profound
studies on bone stress were published later by Koch®.
Very detailed and far-reaching functional interpreta-
tions of bone, bone loading and muscle action were
first clearly expressed and explained by Pauwels®,
whose theoretical studies have led to the hypothesis
that the biomechanically important function of the
muscle is the minimizing of the dangerous bending
moment loading of the long bones. Furthermore,
Pauwels concluded that the bending moment profiles
are invariant and independent of the posture selected
or movement performed. This basic idea of long bone
unloading by means of active muscle forces is the
fundamental principle of bone-muscle function; it is
illustrated in Figure 7. In Figure Ta a gravitational
force is loading the bone with the bending moment
Mg, while in Figure 1b the muscle moment M), is
acting in the opposite direction. If moment levers are
fixed and equal, the resulting bending moment My
theoretically equals zero, while the compression
stressing is doubled (Figure 7c). As in the case
described, it is evident that muscle activity is the key
principle that results in a significant saving of bone
material. The same law applies also to more compli-
cated bone shapes and to synergistic muscle activa-
tion due to bone shape and muscle attachment
geometry, which is consequently necessary for
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achieving efficient bone unloading and muscle func-
tion.

This paper discusses the in vivo testing of the above
principles through biomechanical modelling and the
calculation of bending moments for the femur and
the tibia in the sagittal plane, including 19 lower
extremity muscles. For model composition, detailed
and accurate anatomical measurements on specimen
and kinesio-logical measurements on healthy subjects
were made. Numerical data were assessed for five
male subjects in two static standing postures: normal
upright standing and standing while leaning forward.

METHODS

For the bending moment calculation of the lower
extremity long bones a specific model was deve-
loped, since the published and existing musculo-

Cc

Figure 1 Bending moment caused by an external load (a) is
effectively compensated (c) by muscle force (b). Moment lever is
constant and equal in all cases. Gravitational force equals the muscle
force. The bending moment compensation principle was clearly
explained for the first time by Pauwels®
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skeletal models cannot be directly implemented
because of missing data or scaling problems. Most of
the published mathematical models of the lower
extremities deal with the dynamic properties relevant
to a description of gait®%6. The models usually
include gravitational and inertial forces or moments
together with centrifugal and Coriolis contributions
and ligament moments. In some of these models
the muscle’s action is also taken into account”’.
In most cases the muscle is described by a model
consisting of an active contractile element in series
with elastic and viscous damping, originally proposed
by Hill”. On the other hand several authors calcu-
late muscle forces through different optimization
procedures® ™! 111213 They use different types
of linear or nonlinear optimization functions. Our
model, which incorporates knowledge gained from
published models, includes a linear muscle coordina-
tion optimization technique and the bending moment
calculation of long bones. The model and procedures
carried out will be described in four steps: the
anatomical and the kinesiological measurements of
the required data for modelling, the muscle force
optimization and the bending moment calculation.

Anatomical measurements

For calculating the bending moments, a musculo-
skeletal model accurate in details to the anatomy of
the subject’s lower extremity is necessary and was
therefore developed. The muscle force and moment
calculations performed include the determination of
the following elements:

e exact muscle attachments including shapes, posi-
tions and orientations;
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Figure 2 Muscle attachments as measured and represented by the
computer. Very small attachment areas were included as the central
point (x, y, z) with diameter r as in case (a). Long and narrow
attachments consist of several points measured a long the line (b).
Larger areas as in (c) were bordered with several points.

® exact bone dimensions and shapes;
e points of the resultant muscle force activity;
o directions of the muscle force vectors.

In the existing literature there are numerous models
published, but in most cases they lack accurate
numerical anthropometric data for the main muscle
attachments along the bones of the lower extremity.
Therefore we decided to measure all the data
required. For this purpose a specimen of the right
lower limb of a 26-year old male subject was selected
and placed into a reference position with the help of a
specially designed measuring frame. First the muscles
were carefully dissected, one by one, along natural
layers, from the specimen. After each muscle was
dissected, the attachment circumferences were
marked with pins inserted up to 10 mm apart. The
coordinates , y, z of the pins were precisely measured
by a caliper with respect to the measuring frame with
the accuracy better than £0.25cm and manually
entered into the computer. The measured points
assessed were, in a CAD program, connected by

Table 1 Volume, tendon length, cross-section and estimated maximal force of dissected lower limb muscles

No. Muscle Abbreviations Volume Tendon Cross-section Fmax [N] Fmax |N]

[ml] [mm]| [mm?] 30N cm * 50Ncm ?
1. m. sartorius sar 125 75 240 72 120
2. m. gracilis ga 80 100 270 81 135
3. m. semitendinosus smt 170 150 660 198 330
4. m. gluteus max. gma 620 — 4944 1483 2472
5. m. tensor fasciae latae tfl 75 385 330 99 165
6. m. biceps f. cap. longum bfl 220 36 630 189 315
m. biceps f. cap. breve bfb 36 300 90 150
7. m. gluteus medius gml, gmlI 280 — 2170 651 1085
8. m. adductor magnus aml, amII 320 80 1540 462 770
9. m. quadriceps femoris 1650 — 4340 1302 2170
rectus femoris rfz, rfs — 720 216 360
vastus lateralis vl — 930 279 465
m. vastus medialis +intermedius vm, vi — 1750 525 875
10.  m. iliacus il 200 — 770 231 385
I1. m. psoas major pm * = 930 79 465
12. m. adductor longus al 130 15 760 228 380
13. m. semimembranosus smm 170 102 750 225 375
14. m. gastrocnemius gasl, gasm 420 145 1190 357 595
15. m. soleus soll, solm 50 1470 441 735
16. m. tibialis anterior ta 110 104 540 162 270
17. m. peroneus longus pl 60 212 220 66 110
18.  m. peroneus brevis pb 40 60 120 36 60
19. m. flexor digitorum longus dl 70 T 240 72 120

*Used only lower section of muscle
FFanlike insertion
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straight lines. In general three shapes for muscle
attachments were found (see Figure 2):

e very small areas with a diameter of only a few
millimetres;

@ large attachment areas;
e attachment curves.

In the first case only the centre of the attachment was
assessed together with the corresponding diameter. In
the second case several coordinates were measured
along the circumference of the attachment area. In a
similar way the coordinates were assessed also along
the attachment curves. Most of the muscles had the
third type of attachment while very small attachment
areas were rarely presented. Several muscle attach-
ments, such as those from m. gm, m. am, m. rf, m. gas
and m. sol (for classification of abbreviations see Table
7), consisted of combined attachments or had two
muscle insertions or origins. These were the reasons
for dividing some muscles, considering them as
consisting of two muscles and labelling them as gml,
gmll, aml, rfz, tfs, gasl, gasm, solm, and soll. Muscle
gm consisted of a large attachment area and a thick
attachment curve as shown in Figure 2, while m. am
had two different insertions. Muscle rf had two
origins, and the muscles m. sol and m. gas were
divided into lateral and media parts because of the
corresponding lateral and medial insertions. For each
muscle separated from the specimen the following
characteristic parameters were determined (Zable 7):
the anatomical maximal cross-section area, the
muscle volume and the muscle tendon.

The next task was to determine numerical data
representing the shapes of the lower limb bones, the
femur and the tibia. To assure the same accuracy of
measurements and for the sake of simplicity, the
necessary numerical data were gathered in the same
way and by the same instrumentation as the data
describing the muscle attachments. The model was
built in the sagittal plane, so that the anterior part of
the femur was represented by 20 points, the posterior
part by 28 points. Similarly, the shape of the tibia was
modelled with 20 points in the posterior part and 17
points in the anterior part. The bone shape in the
joint area was excluded because it was not possible to
measure the bone shape in the joint area with the
same accuracy as for the straight part of the bone.
Determination of the femoral and tibial bone shapes
around the hip, knee and ankle joints was improved
by increasing the number of points by reading the
joint bone shape from a close-up X-ray photograph.
This was utilized since the X-ray picture taken for the
whole bone could not yield sufficiently accurate data
because of nonlinearities in the photographing sys-
tem. Anterior and posterior points were later inter-
polated (natural cubic spline) at the same height z. In
this way points along the bone’s central line (Figure 3)
were calculated. These points were very important
because all the bending moments were calculated
through the levers determined according to this
central line.

The fibula was not included in the present model.
The calculation of the distribution of the muscle
forces between the tibia and fibula would consider-
ably complicate the already complex mathematical
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Figure 3 Femur and tibia bone shapes with bones’ central line
points, markers for hip (y.., 2. ), knee (y, z;) and ankle (y,, z,), and
coordinate systems placed in ankle, knee and hip rotation centres.
Fz1ip represents the vertical component of the ground reaction force;
(94, z2) = head of femur; (yz, 2#;) = ith point on femur central line;
(974, z7¢) = ith point on tibia central line

model. The skeletal muscles having attachments on
the fibula were treated as belonging to the tibial bone.

From the data gathered, it is possible to deter-
mine the directions of the muscle force activity.
In general two approaches are possible: (a) the
straight line model; and (b) the centroid model.
In the first case a straight line passes between
two muscle attachments!'%!®>. The centroid line
model requires that the positions of the transverse
cross-sectional centroids are established for each
muscle. The muscle force is represented by a tangent
to the centroid line at the point of interest. The
complexity of the lower limb model, including 19
muscles, would increase considerably by taking into
account the centroid model. Furthermore, the cen-
troid line model obtained from a cadaver may not
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accurately represent the real situation. In addition to
the disadvantages mentioned, it was found by Jensen
and Davy'® that the differences between the two
presented approaches were estimated to vary from 1
to 12%. Therefore, the straight line model was chosen
in the present study.

Kinesiological measurements

The aim of the kinesiological measurements was to
collect data for calculating the long bones’ bending
moments in two standing postures. Selected postures
were standing normally and standing while leaning
forward. For this reason, anatomical data of the test
subjects were also measured. The following para-
meters were measured for five subjects:

e anthropometric parameters: segment lengths;

@ positions of characteristic body points in the
sagittal and coronal planes;

e ground reaction forces and moments;
® EMG for the main lower extremity muscles.

The average age of the subjects was 29 years (23-43),
the average height 174 cm (152-185) and the average
body weight 66.9kg (48.3-77.5).

Exact subject-dependent anthropometric lengths
and standing postures in the sagittal planes were
assessed with the help of four markers attached to the
approximate rotation centres of the joints on the right
side of the body. The hip rotation centre was defined
in the centre of the greater trochanter and the ankle
joint rotating centre was defined approximately 1 cm
below the lateral malleolus marker. The knee rotating
centre was determined according to accepted proce-
dures described in the literature'”'®. Distances
between the markers: ankle/knee, knee/hip, hip/
shoulder and ankle/force plate (FP) (Figure 3), were
measured by the help of a precise ruler tape with
a *0.5mm accuracy. Marker coordinates were
assessed through black and white photography in the
sagittal plane. The cameras were aligned according to
plumb lines for vertical accuracy. The photographi-
cally obtained coordinates were entered into the
computer with the aid of magnifier film projection
(Dorst Laborabor 1000) on to a graphic tablet (Cherry
mkIII). Six points were recorded in each frame.
Along with the four points mentioned, two additional
points of the plumb line, representing the direction of
gravity, were recorded. From the data obtained,
ankle, knee and hip angles during standing were
calculated. All data were translated to a global
coordinate system and the moments were calculated
in the global coordinate system. The +Z axis of the
global coordinate system was perpendicular to the
force plate. +Y and the measured person were
directed forward, with y =0 at the ankle marker.
Therefore, the anatomical data previously assessed in
the cadaver could be scaled and rotated according to
the anthropometric data belonging to the particular
standing posture of each subject. Distances between
anatomical markers were used for linear scaling of the
cadavers’ numerical data, i.e. the femoral and tibial
centre lines and the muscle origins and insertions.
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The action point and magnitude of the ground
reaction force (F, value) and the point of its action at
shank and thigh height are needed in our model in
order to calculate the bending moments along the
long bones of the lower extremities. F, and M, are the
ground reaction (z) force and (x) moment. The
computer model incorporates different segment
density values. Each limb segment has a different
combination of bone, muscle, fat and other tissue
components. More distal segments have a higher
density. This consideration was included in the F,
force calculation. In accordance with Winter'?, foot
(dr), shank (ds) and thigh (d7) densities as functions
of the total body height and weight were determined.
An AMTI (Advanced Mechanical Technology OR6-
5-1) force plate with strain gauge transducers was used
for ground reaction measurements. The subject was
asked to place the right leg on the FP and the left leg
on a wooden support the same size as the FP. The
angle between the left and right foot was always 30°.
Both feet were placed with heels together in such a
way that the anterior/posterior y, coordinate was
aligned with the centre of the FP. Before the
measurement all the markers were placed and the
anthropometric data measured. The subject was
asked to remain in the same posture for one minute.
In that time the force plate parameters were collected
by the computer and photographs were taken after
20s and 40 s. According to our observations, 20 s was
enough time for posture stabilization. The second
photograph was taken after 40s for posture stability
checking. As mentioned earlier, the selected postures
were standing while (i) leaning forward and (ii)
standing normally.

EMG activity assessment

The EMG activity during each measurement of the
standing procedure was recorded for seven muscles:
m. gastrocnemius, m. tibialis anterior, m. vastus
medialis, m. rectus femoris, m. semimembranosus, m.
biceps femoris and m. latissimus dorsi. We used
seven channels of the laboratory eight-channel integ-
rating EMG system with an adjustable gain (1000—
20000) and the time constant of the integrator was set
to 20ms for this purpose. Surface electrodes were
E221 (In Vivo Metric).

Gravitational bending moment calculation

In any upright static standing posture gravitational
forces tend to lower and collapse our body segments.
The action of muscles counterbalances the gravita-
tional forces and moments, and thus maintains
stability and additionally serves for movement con-
trol but also produces stress in bones. We are
interested to determine the bending moments along
the bones: the femur and the tibia. It is evident that
the resultant bending moment acting on the bone is a
sum of:

o the bending moment caused by gravitational force;
o the bending moments caused by muscle forces.



The bending moments are calculated along the
bone’s centre line (Figure 3). The femur’s or tibia’s
centre line consists of 500 equidistant points Zzg
measured in the vertical direction (Figure 3 — index F
is used for the femur and 7 for tibia, i=1, 2, . . .,
500). The point zp is the highest measured from the
supporting surface and zz50 the lowest. The distance
between two neighbouring points is less than 1 mm.
The F; force, representing half of the body weight,
was determined as an average over 1s of the vertical
force on the force plate. The gravitational force Fzy;
in the hip results from the trunk, arms and hea
weight, without the thigh myz, shank mg and foot mp
contributions. Fzy,.. acting in the knee is larger
because of the mass value mz. From the force plate,
data average values of the ground reaction force
application jz, can be determined. With the help of
Winter’s!? data, the mass centres for the foot yp,
shank yg and thigh y; can be calculated in reference
coordinates. This is necessary in order to determine
the coordinate yy;, of the force Fzp;p acting at the hip
level. Similarly, yine. can be found for the force
Fzinee acting at the knee level. When all the neces-
sary data and parameters are calculated, the gravita-
tional moment Mg, is defined as (Figure 3):

MGI'=(yhip__y1“l')FZhip+MVi1 1= 1’27' .y 500 (1)

Me; gravitational moment at the ith
point,
My; partial gravitational moment (see fol-

lowing text),

gravitational force in hip and knee
joints,

Fzhip and Fzype. action coordinates,
ith point on the femur’s central line,

FZhipa Fanee

Yy hip, Yknee
(sz', 2ri)

for the points (yz, zr;) on the femur’s central line.
The first part of the equation (1) belongs to the
moment caused by the trunk, arms and head weight
acting at the (yhip—ypl-) moment lever. The second
part of the equation (My;) needs a more detailed
explanation. The thigh and shank can be modelled as
inverted truncated cones. In the case where the
moment Mc; is calculated in the middle of the thigh,
then only the part of the cone with its mass density
dr, volume V; and mass centre y, above the calcu-
lated point should be included. The density dy is
determined from Winter’s'? data and V; is calculated
from the segmental mass. The moment My; is deter-
mined as:

My, = (yn- _}’Fi) dr Vig (2)
dp, dg, dy foot, shank and thigh densities,
V; partial volume of the truncated cone,

In the same way the moment Mg; along the tibia’s
central line can be expressed using the shank density
ds and volume values.

The dilemma of muscle activity optimization and
muscle bending moment calculation

Before determining the muscle bending moments, the
muscle forces Fy; (M stands for muscle and j indi-
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cates the muscle number) should first be calculated.
Because there are fewer equations available than
there are known muscle forces the problem can be
solved by incorporating optimization procedures.
There are numerous possibilities for performing the
optimization. Optimization methods based on dif-
ferent linear or nonlinear optimization functions have
been utilized by different authors*5%10:20, Our goal
was not to develop complicated and sophisticated
muscle models, optimization functions and criteria,
rather we were looking for a gross confirmation of
Pauwel’s theory. Therefore, we selected simple linear
optimization techniques for our calculation of the
muscle forces.

For moment equilibrium calculation in extreme
joint positions (small and large angles), passive
moments caused by joint ligaments are of the utmost
importance®"??. These passive moments differ from
person to person, but can be roughly approximated
by mathematical equations. The hip passive moment
M; 3 and knee passive moment M; o were modelled
after Hatze®. The ankle passive moment Mz, =0
was assumed in the ankle joint. From the known
muscle moment lever r;; of the joint, passive moment
M, and gravitational moments Mg, (labels are for
the ankle joint), the equilibrium equations for each
joint can be written in the following form:

28

> ity Fa + My + Mg1=0 (3)
j=1
28
> rojFy+ Mpo+ Mgo=0 (4)
Jj=1
28
E 7‘3]'FMJ~+ML3+Mgg=O (5)

j=1
Mg\, Mgy, Mg ankle, knee and hip joint gravita-

tional moments,

M; .\, M; o, M5 ankle, knee and hip joint passive
moments,
Fy; jth muscle force,

ankle, knee

and hip muscle
moment levers.

T1j5 725, 13

In addition to these equations 28 inequalities (describ-
ing 19 muscles, some of them divided into two parts)
for limiting and determining the possible range of
active muscle force are defined:

0= Fp= Bypogs J=1, 250428 (6)
where Fyjjmax is maximal muscle force:

F/ijax = Aja- (7)
Fjfjmax  maximal jth muscle force,

4, jth anatomical muscle cross-section,

o muscle strain,

calculated from the measured anatomical muscle
cross-section A; given in Table 7. Values of 30—
150N cm™ can be found in the literature®®'%2%24
for . In our work we were mostly considering o =
30N cm™ as the most frequently used value.

With the three equations (3), (4) and (5) and 28

inequalities (6), 28 unknown forces Fj; cannot be
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determined by a straightforward unique solution.
Therefore, in order to select the ‘best suitable
solution’ it is necessary to introduce some optimiza-
tion procedure. For our purposes a simple linear
optimization function (8) was selected:

28

f= gl (Fy;) — min (8)

The ‘cheapest’ muscle is selected until its Fy;max is
reached, then another muscle is coactivated in order
to satisfy the equations (3), (4) and (5). The optimiza-
tion procedure selects the ‘cheapest’ muscle, which
means here the most energy efficient muscle. When
compared with the other muscles considered, it
produces the same moment with less force, because it
has the largest moment lever. This approach repre-
sents a simple synergistic muscle action criterion. The
system of equations was solved by linear program-
ming methods.

For the known muscle force Fj; and the known
muscle force lever 7;, the muscle i)ending moment
can be determined by:

Msz‘ 5 sz'FMj 9)
My;;  jth muscle bending moment at the ith point,
7 jth muscle force lever at the ith joint.

The determination of the muscle force lever 7 is

shown in Figure 4. The muscle force Fy; is considered
as acting from the known and previously calculated

Figure 4 How muscle lever and muscle force action are determined.
Muscle lever is distance from a point on the bones’ central line to the
force. It is perpendicular to the force F;. Muscle force considered
in the muscle moment calculation is smaller than Fy; near (in) in the
attachment area
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origin towards the muscle insertion. The muscle lever
represents the distance from the force to the point at
which the moment is calculated. When calculating
the muscle moment close to or at the origin and the
insertion area of a muscle, a special case appears. Fy;
is smaller than total muscle force, because in that area
only part of Fy; is stressing the bone. Correspond-
ingly, the attachment coordinate of Fj; force is
shifted.

RESULTS AND DISCUSSION

First we are going to present the calculated bending
moments in the same order as they have been
calculated. The bending moments are composed of:
gravitational bending moments Mg (equations 1, 2),
and muscle bending moments M), (equation 9). The
sum of both moments A results in the actual long
bone bending moment which is stressing the bone.
Bone material stress directly depends on M. It is
known that excessive stress can provoke damage?®® %’
and fracture of a bone and produce irreversible
pathological changes.

The measured and calculated bending moments in
two positions, normal and leaning forward, are
presented for five healthy subjects. In both postures
the optimization function (equation 8) was used. The
muscles not presented in Figures 5 and 6 were not
selected by the optimization criteria and are, there-
fore, not ‘active’ and accordingly do not contribute to
the bending moments M,;. The bending moment
produced by each muscle selected from 19 muscles
of the lower limb (some divided into two parts) are
shown in Figures 5 and 6. Figure 5 presents bending
moments obtained for the postures voluntarily
selected by the subjects. The ground reaction vector
(GRYV) represented by the vertical line passes in all
cases in front of the ankle and hip joints. This is not
always true for the knee joint, where in Figure 5a the
GRY lies considerably behind the knee joint. For the
ankle and hip joints the same can be concluded also
for standing subjects when they were strongly leaning
forward (Figure 6). Here, the GRV is always in front
of the knee joint. For the forward-leaning standing
position, depicted in Figure 6, o =100Ncm* was
used in equation (7). The value o = 30N cm™ used
for the normal standing posture was not found high
enough to solve the optimization problem as specified
by equations (3), (4), (5), (6), (7), (8) for the forward-
leaning standing position. In that posture, higher joint
moments must be counterbalanced by muscle action
than in normal standing. Therefore, according to
equation (7), for developing higher Fjjn,. the stress
o should also be increased. The results show that in
all cases the calculated muscle forces successfully coun-
teract the passive bending moments along the long
bones. Observing Figure 5a one part of the m. am
(amlI) is activated to compensate the hip gravitational
bending moment. This muscle has the largest hip
level in the posture measured. The muscle vl is
activated in the knee as the most effective and hence
energy ‘cheapest’ m. quadriceps muscle. The small
contribution of m. vm was added to the optimization

rocess. It is enough to activate only one part of m. sol
{)solm) to counterbalance the ankle gravitational
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Mg amII vl vm solm Ms Mg amII vm solm Ms Mg amll gaslgasm soll solm Ms
Ms 02 20 Normal GB 02 20 Normal s# DM 02 20 Normal
a b c
Mg amIl vl soll Ms Mg amII vl soll solm Ms
= mﬁgmg
TK 01 20 Normal 1Z 01 20 Normal
d e

Figure 5 Gravitational, muscle and resultant bending moments for five subjects, measured and calculated during normal standing posture. Muscle

labels are described in Table 7

moment. In Figure 5b the same situation occurs in the
hip and ankle joint. A slightly different muscle acti-
vation appears in the knee joint, where m. vl alone
counterbalances the small gravitational moment. An
interesting situation occurs in Figure 5c, where m. gas
(gasl and gasm) is active instead of m. quadriceps.
This happens because the GRV is acting in front of
the knee in that posture. A similar situation to that
presented in Figure 5a appears also in Figure 5d. The
activation of m. vl is sufficient to compensate for
the knee gravitational bending moment. Observing

Figure 5¢, again m. am (amll) is active, accompanied
slightly by the activity of m. vl and, as in case 5¢, by
the whole m. sol. In Figure 6a the GRV passes
through the knee joint. Only m. amII and m. solm are
sufficient to assure the necessary muscle moment. The
same is valid for the knee joint in Figure 6¢. Because
the GRV here passes slightly behind the hip, m. rf (rfz
and rfs) is activated to a small extent. The muscle
solm compensates for the ankle gravitational
moment. In Figure 6b the two-joint m. smt is active as
the ‘cheapest’ muscle crossing the hip and knee joints.

Mg amII solm Ms gasm solm Ms Mg rfz rfs solm Ms
25 PN
MS 04 20 Forward GB 03 20 Forward DM 04 20 Forward
a b c
Mg amlI vlI solm Ms Mg gr gasm solm Ms
n\;%;" j %}
: TK 04 20 Forward 1Z 03 20 Forward
d e

Figure 6 Gravitational, muscle and resultant bending moments for five subjects, measured and calculated when leaning strongly forward
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The muscle gas (gasm) balances the knee and ankle
joints, while m. sol (solm) compensates for the ankle
joint moment. The posture shown in Figure 6d is the
cause of GRV passing in front of the hip and ankle
joints and slightly beyond the knee rotation centre.
Low m. amll activation provides the necessary hip
moment, while small m. vl activity locks the knee
joint. Again m. solm provides considerable moment
in the ankle joint to maintain body stability. A slightly
different situation is presented in Figure 6e, where m.
gr is acting in the hip joint. In the knee and ankle a
very similar situation to that in Figure 6b can be
noticed. Comparing the muscles listed in 7able 7 with
those activated in Figures 5 and 6, we can see that of
the 19 muscles considered only eight (m. am, m. vl,
m. vm, m. sol, m. gas, m. smt, m. rf, m. gr) were
selected by the optimization process.

Some examples of EMG recordings assessed dur-
ing 60s of forward-leaning standing (Figure 6b) are
shown in Figure 7. Notice that the gain is set to the
same value for all channels shown. In the tibial
section large m. gas and no m. ta activity can be
noticed. Because of surface electrodes, here the m.
gas EMG can also represent sol muscle activity in
cases where it was selected by the optimization
criteria. Neither m. vm or m. rf are active in the
posture observed. The presence of EMG activity in
the knee extensors supports the adequacy of m. smt
activation in the computer optimization. Therefore,

10 g _
E EMG gastrocnemius 10 puV VvV I
5 WW\/\WWWWW%’MW
= EMG tibialis anterior 10 uV V™'
0 E I ]
10 E
5F ! -1
- EMG rectus femoris 10 uVv Vv
| EMG vastus medialis 10 pV V™'
0 ] 1 1 1 . ]
10 4 =
EMG semimembranosus 10 pV V
5 F
= EMG biceps femoris 10 uV V|
O % 1 1 1 1 1 |
10
5F EMG erector 10 puV Vi
0 3 1 1 1 1 1 1
0 20 40 60
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Figure 7 Integrated EMG record as measured for subject GB,
measurement trial 03 in forward-leaning posture Moments calculated
with the model for this trial are shown in Figure 6b
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comparing this EMG to Figure 6b it could be stated
that the measured EMG activity in the observed case
is in good agreement with the muscles activated by
the optimization criteria. This is also valid in other
cases.

In Figures 5 and 6, it can be noticed that the m. sol
bending moment shape or the tibia bone stress profile
appears as a triangle and the m. gas bending moment
as a rectangular shape. For the femur, m. vl and m.
vm have characteristic profiles as depicted in Figures
5a, 5b, 5d and 6d arising from the long origins of these
muscles. The m. smt (Figure 6b) profile is an irregular
rectangular shape which appears to be characteristic
also for the other two-joint muscles. The m. am profile
will be discussed later.

From the entire procedure of calculating moments
explained so far, it is evident and important that the
muscle force calculation procedure did not include
minimizing the bending moment Mg over the bone
length as a criterion function. The only condition set
was the satisfying of joint equilibrium equations (3),
(4), (5) and the muscle force minimizing function (8),
which includes satisfying the additional conditions
(6). Nevertheless, just from Figures 5 and 6 it is quite
easy to see that a significant reduction of the resultant
moment (M) over the whole bone was obtained.
Therefore, it can be concluded and is important to
notice that muscle forces produce such bending
moments along the bone (4)) that the resulting
moment (M) is considerably decreased always, and
for both the tibia and the femur, if compared to the

avitational moment (Mg ). The resultant moments
Ms) are even better reduced in the case of the
forward-leaning standing posture presented in Figure
6. As the GRV passes far from the bone’s central line,
the gravitational moment is substantially higher than
in the voluntarily selected postures. In observing the
resultant moments (M), it can be noticed that very
high gravitational moments (M) are successfully
compensated for by muscle moments. Larger resul-
tant moment (A) values can be observed only on the
top of the femur (Figures 5a, b and 6a, b). This is the
result of m. am (amI and amlII) or m. smt activation.
The z coordinates of the origin of these muscles are
lower than the highest point of the femur. Therefore,
the muscle lever for the pelvic bone is rather
inaccurately determined. When observing the tibial
bone, the moment Mj has the same sign in most of the
cases recorded. This is a result of m. sol (soll, solm)
and m. gas (gasl, gasm) activation.

In examining and comparing the M5 moments in
Figures 5 and 6, it can be noticed that the profiles of
bone-bending load moments have in all cases similar
shapes and mirror the muscle action. The resulting
moments have similar shapes in both body postures.
These results confirm the expectation that orches-
trated muscle force activation produces bending
moment Mg of similar shapes in different body
postures. Our results, therefore, grossly support and
provide proof for the validation of the principle of
minimal bone stress stated by Pauwels®.

CONCLUSIONS

The work presented here, experimentally and grossly,



proves the principle of bending stress reduction
of a long bone provoked by orchestrated muscle
activity. It supports and additionally proves Pauwels’
hypothesis®?> of the bending moment reduction by
muscular activities. Pauwels also proposed that mus-
cular action cannot be studied without considering
the bone function and loading. Muscles not only
provide the necessary moment equilibrium in all
joints but also serve to compensate and reduce the
bending stress while increasing the axial compressive
load regardless of posture. Furthermore, the bone shape
adapts to the external loading and muscle action®® so
as to minimize the bone stress. Therefore, the bone
shape also reflects previous external loading and
muscle action. Muscle function is very finely tuned to
the functioning of bones, joints and ligaments. As a
result, the bone as a load-carrying structure can be
built with less material and can be lighter. Obviously,
any column carrying less load can be built slimmer
and thus with less material. Here it was observed that
this is valid also for the musculo-skeletal system
construction and functioning. It further means that
nature uses active muscle force to ensure minimal
bone stress and minimal bone weight and simulta-
neously to optimize efficient use of metabolic and
muscular energy. It is quite probable that the human
neurocontrol system, with its corresponding sensors,
follows the criteria of bone bending minimization
when synergistic muscle activation patterns are used
in particular limb movements. (

In comparing our findings to the results of Koch?
and Pauwels® it can be concluded that the theoretical
predictions of Pauwels are at least grossly proven by
this work to be valid also for in vivesituations. Koch,
in his work, did not include all the aspects and muscle
moments actually acting across the bone. His work is
mostly related to the properties and internal structure
of the femoral bone while influence of muscle activity
on stress in bone is not discussed in detail. Pauwel’s
work was more detailed, considering bending and
also shearing moments. He considered both sagittal
and coronal planes, explaining bending moment
reduction by adding and also optimizing the activity
of adequate muscles. Pauwels did not mathematically
state the optimization procedure used for sharing the
calculations among different muscles. In our model
all muscles relevant for a forward—backward-leaning
standing posture were included. Even though few
assumptions are included in the model this study
represents very detailed novel investigation of
Pauwels’ hypothesis. An important contribution, veri-
fied by the results presented, is the idea that the
hypothesis is not only a mechanical principle describ-
ing musculo-skeletal system construction, but also the
principle of selection of muscle, its level of activation
and its force control. Furthermore, our findings are
based on anatomical specimen data and on kinesiolo-
gical measurements carried out on standing subjects.
Because of large deviations in anthropometric data,
accuracy of anatomical measurements and simplifica-
tions of data used in the computer model, the
calculated results can be considered as gross results.
Even from that point of view the results obtained
strongly support the principles of Pauwels. Therefore,
the results given can be considered as a pilot in vivo
study for a gross evaluation of the stated principles,
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but future work is necessary for refinement of the
presented approach.
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