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ABsTRAcr A simulation of the function of the human heart and heart muscle has
been developed in the form of a digital computer code. For a given set of values
for the input variables, realistic values of the cardiac output variables are pre-
dicted. A detailed discussion of the simulation and some results obtained from its
application are presented. This simulation represents a unique combination of what
was known in muscle mechanics, muscle thermodynamics, and of the structure,
size, and shape ofthe heart, into an engineering model to improve the understanding
of human heart muscle function. The left ventricle (LV) is treated as a thick-walled
sphere whose wall is composed entirely of muscle fibers. Force-length velocity re-
lationships are used to determine the tension in each fiber. The pressure in the LV
is computed from fiber tension and fiber structure in the LV. A lumped-parameter
simulation of the arterial tree provides a load impedance for the LV. Results are
presented for simulation of normal human LV performance.

INTRODUCTION

As evaluation of the functional state of the heart is an important problem in cases
of heart dysfunction (1-3), various indices of contractility (4-6) have been devised
to help quantify the functional state of the heart muscle. Many of these indices are
related to basic measures of muscle performance that have been determined in ex-
periments with strips of animal heart muscle. The development and use of these
indices is an application of the knowledge gained in muscle fiber experiments, but
only in a simplified manner. This simple and direct application of basic muscle
mechanics has had a useful clinical result despite limitations inherent in the present
indices of contractility (7-8). A better understanding of muscle function in the heart
would improve the clinical usefulness of known indices and might suggest a more
applicable or more discriminating set of indices of contractility.
A number of computer simulations of the hemodynamics of the human cardio-

vascular system have been reported (9-10). (a) Using analogue computers the hemo-
dynamics of the circulatory system have been studied, i.e., the pressure and flow
rate characteristics of branched networks of arteries (11-13) and capillaries and
veins (14). (b) Other simulations have been used to study the physiological control
systems that regulate cardiac output (15-18), or for teaching purposes. (c) The more
recent simulations have considered the function of the heart in greater detail by
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including some of the results of isolated heart muscle experiments (9). However,
none of these simulations were developed specifically for the task of studying the
function of the normal heart.
The present computer model combines the essence of the above analyses into an

application-oriented engineering model to be used for studying normal and diseased
heart performance under a wide variety of conditions.

NOMENCLATURE

at Muscle parameter at length l.
b Muscle parameter, length independent.
CE Contractile element.
F, Fraction of cross bridges available.
FP Dimensionless isometric tension.
FaE Series element tension.
K1 PE stiffness for l > 11 .
Kr Relative PE stiffness for I > I1 .
KBE Elastic constant for SE.
Ksr Viscous constant for SE.
I Sarcomere length.
Ia , lb Sarcomere length at state a or b.
ICE Contractile element length.
l0 Maximum I for TP = 0.
is End-systole sarcomere length.
/ic Series element length (I - 'cE).
11 Length at which T, changes slope.
n Position index.
PE Parallel element.
PLV LV pressure.
r Radial coordinate.
r., rb Radius at state a or b.
r, Inside radius of LV sphere.
r0 Outside radius of LV sphere.
a True stress average over a pair of adjacent layers of fibers.
SE Series element.
T Total tension (Ta + Tp).
Ta Active tension.
To Maximum active tension.
TV Passive tension.
u Contractile element velocity.
U, Maximum value of u at length 1.
UI? Maximum value of u at any length.
u, Sarcomere contractile velocity.
V Cavity volume.
V LV outflow rate.
V., Vb Cavity volume at state a or b.
VM, Sark volume.
V. Cavity volume at end systole.
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VW Wall volume.
X1,2 Axes of fiber contraction.

BASIS OF THE SIMULATION

The development of a realistic simulation of heart function requires that all the
important elements of muscular function in the heart be brought into the simulation
in the greatest detail possible. The primary elements considered include: (a) de-
scription of the shape and size of the LV, (b) the orientation and motion of muscle
fibers in the LV wall, (c) the mechanics and thermodynamics of isolated muscle
fiber contraction, (d) the hemodynamic load imposed on the LV by the systemic
circulation, and (e) the assimilation of these four elements into a functional model.
These various aspects are considered in the following sections as the basic equations
governing the LV function are presented.

Description of the Shape and Size of the LV

The true shape of the LV cavity is probably best described as a thick-walled ellip-
soid of revolution. However, both Burton (19) and Rushmer (20) have noted that
the LV tends to become spherical during contraction. These observations tend to
justify the assumption, used in the present analysis, that the LV can be simulated
by a thick-walled sphere that contracts uniformly. Using data from several sources,
Beneken and DeWit (9) determined an average ratio of LV wall thickness to LV
inside radius of 0.36 at the end of diastole, i.e., the normal maximum LV volume
after filling was completed. In this simulation, assuming that the LV wall is incom-
pressible and that all the muscle fibers in the wall are incompressible leads to the
result that the LV wall thickness increases during LV contraction. The radius to
some point in the LV wall can be given in terms of an index n which specifies the
fraction of the volume of the wall contained in the sphere of radius r:

r = [0.75 (V + nVt)/7r]033. (1)

According to Burton (19) a normal, healthy male, 30 yr old, might have an end
diastolic volume (EDV) of 150 cm3 and would eject 75 cm3 of blood per beat (stroke
volume or SV). The LV wall volume (using data from reference 9) would be ap-
proximately 225 cm3 for such a person.

Muscle Fiber Structure and Muscle Mechanics

A section of skeletal or cardiac muscle is composed of an array of single-cell muscle
fibers where each fiber is approximately 80 Am long and 10-15 ,um in diameter. The
fiber contains contractile structures called sarcomeres, which are the ultrastructural
unit of the muscle. The sarcomere is the shortest structure in the fiber which changes
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length during muscle contraction; in skeletal muscle the sarcomere length varies be-
tween 1.5 and 3.6,um, in cardiac muscle the length range is 1.5-2.5 ,um.
A basic contractile unit, here called a "sark" to distinguish it from muscle fila-

ments which are called myofilaments, is defined as a thick myosin filament and the
six thin actin filaments surrounding each end of the myosin. A sark has the shape
of a hexagonal prism, as shown in Fig. 1, and is assumed to have constant volume;
hence, its cross-sectional area increases during contraction.

Several investigators who have studied the contraction of muscle include Hill (21)
and Huxley (22), who primarily studied the mechanics of muscle contraction. Using
the methods of irreversible thermodynamics, Caplan (23), Wilkie and Woledge (24),
and Bornhorst and Minardi (25) studied not only the mechanics but also the energy
conversion processes in muscle. In 1970, Bornhorst and Minardi (26, 27) developed
a phenomenological theory of muscular contraction and applied it to skeletal muscle
experimental data. An important result of this theory is a set of phenomenological
equations which describe the force-length-velocity relationship between force and
the rate of the chemical reaction driving the contraction. Other researchers have
developed theories of muscle contraction which can be incorporated in the present
analytic model after development in sufficient detail. However, because of its com-
pleteness and favorable comparison with experimental data, the Bornhorst and
Minardi theory is used to describe the phenomenology of muscle contraction in this
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FIGURE 1 Ultrastructure of a sarcomere.
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heart simulation. A detailed development of the theory is given in references 26 and
27, but a review of the results applicable to the heart simulation are given here.
The primary result is a form of Hill's (22) equation relating force T. to contrac-

tile velocity u by:

Ta = az(uz - u)/(b + u), (2)

where a, and b are parameters having the units of force and velocity, respectively,
and uz is the maximum velocity of contraction at any sarcomere length 1. Eq. 2 is
essentially Eq. 20 of Bornhorst and Minardi's development (27). The parameters
a, and uj are defined in terms of two dimensionless functions of length Ft and F,.

al/To= Ft (I + b/u.m)-Fp, (3)

uj/u. = F,b/[u,,(az/To)]. (4)

The number of cross bridges available for activation for a given sarcomere length
is given by F1 as deduced from the structure of the sarcomere. The function F, is
the ratio of isometric (static) force developed at length I to the maximum isometric
force developed at sarcomere length lo. The variation of Ft and F, with sarcomere
length for skeletal muscle is shown in Fig. 2 along with the curves showing aulTo
and Ul/Um as functions of sarcomere length, where To is the maximum isometric
force and ui is the maximum contractile velocity. The combination of Eqs. 2-4,
using the functions F1 and F,, gives a description of the dynamics of contraction of
a representative sarcomere in the heart. This description is the most important
aspect of the entire heart model since it governs the contraction of all the sarcomeres
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FIGURE 2 FIGURE 3

FIGURE 2 Muscle parameters as a function of sarcomere length.
FIGURE 3 Conceptual components of muscle fibers, (a) Voigt, (b) Maxwell, with visco-
elastic series element.
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of the model. This description applies only to fully stimulated myofilaments and
the transition from an unstimulated to a fully stimulated condition is accommodated
by a stimulation factor discussed later. The experimental data used in determining
the functions shown in Fig. 2 are basically those of Gordon et al. (28) for frog
skeletal muscle. Although the use of skeletal muscle data introduces some limitation
on the results of the heart model, the differences between skeletal and cardiac
muscle are slight. The value of the parameter b is 0.25 u, , so that at I = lo, al/TO =
b/u,, and Eq. 2 becomes the familiar Hill equation.

Experiments on isolated animal muscle fibers have shown that the contractile
dynamics of the fiber cannot be adequately described solely by force-length-velocity
relationships as described above. These relationships do not consider the elasticity
of the fiber which appears to be quite important. Two approaches have been devel-
oped to combine the elastic and contractile aspects of muscle using conceptual
mechanical analogies of the muscle fiber. These two analogies, known as the Voigtl
and Maxwell "models" (29) are two different arrangements of elastic elements
around a contractile element (CE) as shown in Fig. 3. The CE is freely extensible
when unstimulated and is governed by force-length-velocity relationships, such as
those discussed above, when stimulated. The series element (SE) and parallel ele-
ment (PE) are nonlinear springs, always in tension, simulating the elasticity of a
muscle fiber. The dashpot shown adjacent to the SE in the Maxwell model (Fig. 3 b)
represents the viscous behavior of the muscle fiber. The question of which model,
"Voigt" or " Maxwell," is the most realistic has been the subject of much research.
A recent study by Fung (30) has shown that these two models are equivalent,
although the Maxwell model is preferred due to its simpler mathematical formula-
tion, hence, a modified form (viscous SE) of the Maxwell model is employed here.
The PE represents a nonlinear elasticity which may reside in the membranes sur-
rounding the muscle fiber, or fibrils, and thus is not inside the sarcomere. In this
model the PE is characterized by the following relation between the passive, or
resting, tension T, acting on a sark and the sarcomere length 1:

Tv = 0, for I < lo,
TP = K1(I-l0), for lo < I <11,
T, = KJ(li -lo) + Kr(I -11)], for I > '1. (5)

The specific values used for K1, Kr, lo, and '1 were selected to give a good approxi-
mation of both the passive-length tension curves for animal papillary muscle and
the pressure-volume curves for the intact animal LV (31, 32). The SE represents
muscle fiber elasticity that may reside in the chains of protein molecules in the sar-
comere or in the tissue connecting fibrils and fibers. The SE is characterized by a

X It should be noted that despite the names "Maxwell" and "Voigt" these models are not viscoelastic
and are not related to the models for viscoelastic solids and fluids which have the same names, re-
spectively.
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linear viscoelastic element in this simulation. The presence of viscous effects in
muscle tissue has not yet been measured experimentally, but, in view of the fact
that muscle cells contain considerable quantities of liquid, the presence of viscous
effects in muscle fibers must be accounted for in the analysis.
The CE has two states, diastole and systole, which are the relaxed and the active

states, respectively. In diastole the CE is assumed to be freely extensible, exerting
no force on the SE. When fully activated in systole the CE force-velocity relation-
ship is given by the phenomenological theory of muscle contraction discussed pre-
viously. The force and velocity of the CE are the variables T. and u in the modified
Hill's equation (Eq. 2 above). The CE length (/cE) is used to determine the values
of Fp, at, and uj used in the Hill equation. As shown in Fig. 3 b, ICE plus the SE
length IsE make up the sarcomere length 1. The transitions between diastole and
systole are accomplished by linearly increasing or decreasing the value of To, the
maximum contractile force. To is zero during diastole; after transition it has a con-
stant value during systole and then is decreased to zero for the next diastole. The
duration of the two transition periods in each heart cycle is inferred from data taken
showing the rate of rise of tension in isometric muscle experiments. The dimension-
less ratio of the instantaneous value of To to its maximum value is defined as the
stimulation factor. The total tension T carried by a basic contractile unit is the sum
of the active and passive tension:

T= T.+ T. (6)

LV Structure and Fiber Orientation

A thick-walled spherical shape has been assumed for the LV in this simulation. The
spherical shape is maintained during the heart cycle, hence, the sphere must contract
uniformly. This implies that at any radial position in the wall the stresses in a tan-
gent plane are the same in any direction in the plane, thus requiring that the stresses
are the same in any two orthogonal directions. Since muscle fibers can only support
tension in their axial direction, a spherical ventricle must have equal numbers of
muscle fibers in two orthogonal directions at any location on the spherical surface.
This is achieved by assuming that the muscle fibers are arranged in pairs of layers,
with the fibers in adjacent layers being mutually perpendicular as shown in Fig. 4.
This assumed fiber orientation does not conform well with the experimental obser-
vations of Streeter (33, 34) and is not uniformly applicable to the entire sphere. It
does, however, approximate the earlier views of fiber orientation in the heart wall
(20) and provides a simplistic view allowing a highly simplified analytic approach.
Since the thickness of each layer is one fiber diameter, the ratio of layer thickness
to the radius of curvature of the layer is very small, e0.001, and the curvature of
adjacent layers is nearly the same. This result is mathematically convenient in re-
lating fiber tension to LV pressure.
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FIGURE 4 Fiber orientation in a pair of adjacent layers. The axes X1 and X2 are perpendic-
ular axes of fiber contraction.

LV Pressure and Volume

Using the fiber orientation defined above, the effective stress acting along the axis
of either layer of fibers of a pair of layers is given by

= Tl/2VM. (7)

Division by a factor of 2 results from consideration of pairs of orthogonal layers as
indicated in Fig. 4. The pressure in the LV can be related to the muscle stress by
requiring that any hemisphere of the heart wall is in a state of dynamic equilibrium
with LV pressure balancing muscle stress. The equilibrium relation is expressed by

Pro

PLV(irri) = 2w J ardr. (8)

The stress is not a simple function of radial position, since it depends upon sarco-
mere length and contractile velocity; hence, the integration in Eq. 8 must be done
numerically. This integration is facilitated by expressing the stress and radial posi-
tion in terms of LV volume and outflow rate and an index specifying radial position
in the LV wall. The relationship between a and (V, P', and n) is developed by first
relating sarcomere length to V and n. Assume that the layers of muscle fibers form
thin spherical shells with continual contact between adjacent layers, and further
that the fibers and the sarcomeres do not buckle as the heart contracts. With these
assumptions a change in LV cavity volume will result in a sarcomere length change
which is proportional to the change in radius of the sarcomere. That is,

la/lb = re/rb , (9)

where subscripts a and b refer to two different LV cavity volumes V. and Vb. The
radius of curvature of a sarcomere is a function of both the cavity volume and the
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sarcomere's position in the wall. In writing Eq. 9 only the cavity volume changes
between states a and b, the wall position index n is not changed, hence, the same
sarcomere is considered in each state. Sarcomere lengths in the heart have been
measured by Spotnitz (32) at various volumes between the EDV and the end sys-
tolic volume (ESV). A reasonable representation of these data may be given by

1. = 1.55 + 0.1n (microns), (10)

where 14 is the sarcomere length at end systole. By combining Eqs. 1, 9, and 10 the
sarcomere length at any cavity volume and radial position is expressed by

I = (1.55 + 0.1n)[(V + nVw)/(V8 + nVw)]033. (11)

By differentiating Eq. 11 with respect to time, a relationship between the sarcomere
contraction velocity and cavity volume is obtained. With the definitions

u' = - dl/dt and V = -dV/dt, there results u8 = 1l/3(V + nVw). (12)

Assuming that the inertia of the muscle fiber is negligibly small, a force balance on
the CE and SE shows that the tension developed in the CE is equal to the force
supported by the SE;

Ta = FSE, (13)

T. = To(ai/To)(ui - u)/(b + u), (14)

FBE3 = KsE(l - IcE) + K8v(u - u8). (15)
Eqs. 13-15 can be solved for u in terms of 1, u. , uj, To, and al/To which are known,
and ICE, which is unknown. However, ICE can be obtained by integrating u from
the initiation of a contraction when u = u. = 0 and ICE = 1. Once u8 is obtained,
Eq. 14 gives Ta and a may then be evaluated.
The LV pressure can be written in terms of the variables V and V providing that

the stress is integrated over the LV wall, from n = 0 to n = 1. The integration is
performed by dividing the LV wall into 10 spherical shells of equal volume and
evaluating the stress at each shell boundary. The integral is the summation of the
average shell stress acting over the total cross-sectional area of each shell.

Aortic Hemodynamics
This simulation of the LV has resulted in one equation relating two variables:
pressure and flow rate. A second equation relating these variables is needed before
the solution is mathematically complete. This other relation is derived by considering
the load imposed on the LV by the systemic circulation. Simulations of the hemo-
dynamics of the arterial and venous systems have been developed by Noordergraaf
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FiGuRE 5 FlOw chart of computation in program.

(10), Jager et at. (11), Beneken and DeWit (9), Dick and Rideout (13), Snyder and
Rideout (14), and Snyder et al. (12), among others. The above simulations were
implemented on analogue computers, but any of them could be reprogrammed for
a digital computer. The simulation reported by Snyder et al. (12) was used in most
of the present actual simulation computations, although with somewhat different
values for the various aortic parameters than reported by Snyder.

Model Synthesis

The synthesis of the functional heart model from the basic elements is perhaps the
most important aspect of the model. The flow chart, Fig. 5, shows the way in which
the four basic elements of the heart model are combined to compute the required
intermediate and output variables. The program begins at an initial condition at
which LV outflow rate and cavity volume are known. These variables, combined
with the assumptions about LV shape, size, and structure, and with Eqs. 1, 11, and
12, give values for LV wall radii and sarcomere length and velocity. These variables,
along with the CE length are combined with the basic muscle mechanics relation-
ships to predict the active and passive sark tension. This step brings in the length-
dependent Hill equation (force-velocity relationship) and the stimulation factor.
The next step in the flow chart is the evaluation of the average fiber stress and its
integration over the thickness of the heart wall to give the LV pressure. These cal-
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culations are based upon the instantaneous size of the LV (radius) and the fiber
orientation. Finally, the aortic simulation is used to determine a new value of LV
outflow rate, given the value of LV pressure and the pressures and flow rates at
various points down the length of the simulated aorta.

Computation

The basic computation is done using a time-stepping technique. The LV and aortic
simulations are initialized to the end diastolic condition, then at each successive
time step the pressure and flow rates are evaluated throughout the aorta, using the
most recently computed values available for each variable. Then, using the most
recent values for LV outflow rate and LV cavity volume, LV pressure and aortic
pressure are reevaluated. A new value of outflow rate is computed using the new
V and aortic pressures. This calculation uses an approximate pressure-drop vs. flow
rate characteristic for the aortic valve. The calculation of LV pressure and outflow
rate is then repeated until successive values of outflow rate are within 1 %. This
iteration process assures that the LV simulation gives flow rate and pressures which
are consistent with the contractile state. At this point, time is incremented and all
aortic calculations are repeated with the new value of outflow rate. This process is
continued until the end systolic condition is reached and the cycle is then completed.

Swnmary of Model

A brief review of the inputs required and the outputs computed by the model is in
order. The LV model requires the size of the heart in terms of the normal maximum
and minimum cavity volumes and the volume of muscle in the heart wall. The sar-
comere length at some stage of contraction is also required. Here, data at end sys-
tole are generally used. The basic muscle parameters required are the length-tension-
velocity relationship for the CE and the SE and PE properties. The PE length-tension
curve is taken from passive muscle experiments. Experiments with papillary muscle
have also indicated the SE length-tension properties, the SE extension being about
5% (29) of the initial muscle length at maximum tension. The viscous properties
of the SE have not yet been experimentally measured; however, some damping is
known to be required for stability in the simulation of the muscle fiber dynamics.
The value of the viscous constant was chosen so that the SE could relax in 10 ms,
which is fast relative to contraction times, and thus is not in conflict with experi-
mental results. The time-course of the stimulation factor is shown on the bottom of
Fig. 6; the stimulation factor is the ratio of the maximum isometric tension at any
time to the true maximum isometric tension. The length of the period of stimulation
is the same as the experimental systolic period, and the duration of the transitions
was determined empirically by optimizing the correlation between computed and
experimental LV pressure. Similarly, the values for elasticity, fluid inertia, and
viscous flow resistance of the aortic segments were adjusted to give the best possible
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correlation between computed and experimental values for LV pressure, aortic
pressure, and LV flow rate.
The computed results of the model fall into two types: (a) values for those

variables which are measurable and can be compared with experimental results
and, thus, are used to establish the validity of the simulation; and (b) values for
those variables for which no experimental data exist for comparison and are pre-
dictive in nature. The comparative variables are the pressures in the LV and aorta,
and the outflow rate and volume of the LV. The predictive variables include the
sarcomere length, the CE length, the contractile velocity of the sarcomere and the
CE, the average tangential stress in the LV wall, and the CE power developed. All
of these variables are evaluated for each of the 10 shells in the LV wall at 10 ms
intervals. This is the first analysis of the dynamics of the human LV which predicts
these variables during contraction. Since the comparative variable values (pressure
and flow rate) are computed from the more basic predicted variables, the predicted
variables are, in a real sense, calibrated by requiring the pressures and flow rate to
match experimental data. Thus, the model can be used to gain a detailed view of the
contractile state of the muscle of a specific heart, with some degree of confidence
in the predicted results.

RESULTS FROM THE SIMULATION OF
EXPERIMENTAL DATA

The results presented here were selected to show the capability of the model for
realistic simulation of LV function. The comparative results of this model are pre-
sented in Figs. 6 and 7, along with experimental data of Burns and Griffith (35). A
comparison of the computed and experimental results presented in these figures
indicates that a remarkably good simulation of the human heart has been obtained.
The predicted LV pressure does not have the more gradual initial rise and final
decay of the measured pressure. This is very likely due to the fact that in the model
the LV is stimulated uniformly as a function of time, where in vivo there is a wave
of stimulation which travels through the LV wall at a finite velocity. However, this
is the rate compensated for by the fact that the rate of rise of computed LV pressure
is not as great as the rate of rise of the measured LV pressure. This appears to be a
result of assuming that the SE is a linear viscoelastic element, when experimental
measurements indicate that the SE stiffness actually increases with load (29, 30).
A computation made with a slightly stiffer SE (increased force at comparable ex-
tension) resulted in less satisfactory results, but the rate of rise of the computed
pressure increased. The aortic pressure as computed and as experimentally measured
is also shown in Fig. 6. The lag in the rise of the computed aortic pressure relative
to the experimentally measured curve is due to both (a) the lower rate of rise of com-
puted LV pressure, and (b) a small lag into all the aortic pressures and flow rates
introduced the numerical integration scheme used in the computer program. There
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FiGuREt 6 LV and aortic pressure from experimental data and computer simulation.
Dimensionless stimulation factor is also shown.
FIGuRE 7 Outflow rate and volume from computer simulation and experimental outflow
rate.

is evidence of a dicrotic notch in the computed aortic pressure curve; however, the
time scale of this effect is short relative to the basic time scale of the program and
thus, the multiple oscillations of the experimental pressure curve are not seen in the
computed curve.
The computed and measured flow rates are shown in Fig. 7 along with the com-

puted LV cavity volume for the model. The negative flow rate at end systole is due
to a small amount of aortic regurgitation or perhaps bulging of the aortic valve
leaflets as the LV pressure decreases. This backflow was induced in the model by a
time delay in aortic valve closure, simulating the dynamics of an actual valve.
The time variation of the LV pressure, aortic pressure, and aortic flow rate pre-

dicted by Beneken and DeWit's analogue simulation are shown in Fig. 8. These
have been redrawn from oscilloscope tracings (9) and may include minor inaccu-
racies. These results are presented to show the improved capability of the present
model relative to this early model. The comparison of the results of the two models
is presented because of their similarity, i.e., both are thick-walled special models
of the LV and both consider to an extent the mechanics of muscle fibers. The com-
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FiGuREl 9 Sarcomere length and CE length as functions of time at endocardium, midwall,
and epicardium.

parison is interesting, but should not be carried too far since the parametric descrip-
tion of the heart that the earlier model was simulating is not available. It is believed
that the present model yields physiologically realistic results for a normal human,
as shown by several authors (19, 20, 36).
The predictive results of the model are shown in Figs. 9-12. These results are all

presented as functions of time, and for various shells in the LV wall, showing both
time and position variations of each variable. The sarcomere length and CE length
are shown in Fig. 9 for shells 1 (inside wall or endocardium), 5 (midwall), and 10
(outside wall or epicardium).
The sarcomere length distribution at the ESV is that reported by Spotnitz (32)

and incorporated into the model in Eq. 10. The sarcomere length at any other vol-
ume is the result of length changes and the spherical geometry of the model. The
extremely short CE length at end systole leads to low active tension, but none of the
CEs are so short that they cannot develop some tension.
The contractile velocity of the sarcomeres and CEs in shells 1, 5, and 10 are shown

in Fig. 10. The rapid changes in CE velocity early in the contraction are difficult
to detect in the CE length curves, despite the fact that the CE length is obtained by
integrating the velocity. This clearly illustrates the difficulty in calculating VE
velocity from experimentally measured length changes in isolated muscle fibers.
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FIGURE 10 Sarcomere velocity and CE velocity as a function of time at endocardium,
and epicardium.

The peak value of CE velocity occurs early in the contraction, but this peak
velocity is not more than one-half of the theoretical maximum contractile velocity
of an unloaded muscle fiber at the same length. Thus, an index of contractility
which measures the peak CE velocity before the ejection of blood from the LV
would not give an accurate value of the true maximum CE velocity u,,. . The measure-
ment may well be an index, related to u,,, and may have clinical usefulness, but it
does not represent an accurate estimate of u. in this case.
A related point concerns the use of "static" models of stresses in the LV wall.

Such models have been used to estimate the LV stresses just before ejection, when
the LV pressure is fairly high, but there is no outflow. The computed values of CE
velocity show that the CE is not in a static situation just before ejection. This does
not necessarily invalidate the stresses computed by a static model. It does imply,
however, that the maximum isometric stress estimated by such models is lower than
that which the fibers can actually develop.
The average shell stress is shown in Fig. 11 for shells 1, 5, and 10. The maximum

stress on the order of 2 g/mm2 agrees well with stress in static models (37). The
time-course of the stress in the outermost shell (shell 10) follows the LV pressure
variation, but this is not the case for the inner shells. This is the result of the LV
geometry and sarcomere length distribution. The inner shells have a greater length
change than outer shells, and since the length changes occur in the same time inter-
val, the velocity is higher for fibers on the inside of the wall than those on the out-
side. Thus, the inner fibers operate at a relatively lower force. This is partially offset
early in the cycle because the inner fibers are initially longer and, hence, can develop
higher forces than the outer fibers. Later in systole, however, the CE lengths are
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FIGURE 11 Average stress as a function of time at three locations.
FIGuRE 12 Shell power as a function of time.

TABLE I

KEY HEART MODEL PARAMETERS

Maximum contractile stress
Optimum sarcomere length
Passive muscle stress (at optimum length)
LV wall muscle volume
LV EDV
LV SV
Heart rate
Systolic duration
SE elastic constant
SE viscous constant
Myofilament maximum contractile velocity

16.5 g/mms
2.2 Am
1.5 g/mm'
225 cm'
150 cm'
75 cm'
72 min'
0.38 s
92 g/mm' per pm

1.8 g/mmO per (pm/s)
4.8 psm/s
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more nearly the same and, with their high velocity, the inner fibers develop less
force than the outer fibers.
The power developed by the CEs in a sheU is presented in Fig. 12 for sheUs 1, 5,

and 10. These curves show that despite large shell-to-shell differences in stress and
CE velocity, the shells develop nearly the same power. This indicates that CE power
per shell may be a useful index of contractility since, in the normal heart, it is in-
dependent of LV geometry. Further studies are, of course, needed to establish the
limitations and usefulness of such an index. At this time, it can only be computed
using an analytic model of the LV such as the present one. The use of total LV power
as an index of performance has been suggested previously (38) as being a potentially
more sensitive index of performance than other hemodynamic indices. The evalua-
tion of CE power per unit volume at any location in the heart wall may well yield
more detailed information on muscular performance than total power, but its rel-
evance and relation to reality will depend on the level of detail incorporated into
the mathematical description.
A list of the primary input data for the model and their numerical values are listed

in Table I. Most of the values given are representative ofhuman heart data or animal
muscle data, the primary exception being the maximum isometric muscle stress.
The experimentally determined values for animal heart (papillary) muscle range from
2 to 10 g/mm2, while a value of 16.5 g/mm2 was found to be necessary for the heart
model simulation of a normal LV. The discrepancy between the experimental values
and the value required by the model may reflect a basic difference between heart
wall muscle and papillary muscle. Since the papillary muscle does not act to eject
blood but only to maintain closure of the mitral valve, it is not unlikely that it is
weaker than wall muscle. The maximum muscle stress required by this model is in
agreement with values reported by other investigators using other mathematical
models of human cardiac stress.

SUMMARY

A detailed review of the development of a mathematical simulation of human LV
function has been presented. Results from the simulation of human experimental
data were presented showing the accuracy of the simulation and illustrating the pre-
diction of the time variation of several variables which are as yet unmeasurable by
experiment. The LV model not only incorporates muscle mechanics and thermo-
dynamics on the ultrastructural level, but a simplified, rational fiber structure is used
for the first time in a dynamic LV model. The computed values of measurable quan-
tities agree well with experimental data presented in the open literature. A compari-
son of these computed values from this model and a previous model shows an im-
provement in the ability of heart models to predict physiologically realistic results.
Although many of the computed quantities in the model, such as fiber stress and

CE length, cannot be measured, it is of interest that the computed values agree with
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what is reasonably expected in the heart. The geometry of the heart requires that
the endocardial fibers shorten more than epicardial fibers. Since the duration of
contraction is the same for both, the epicardial fibers have a lower velocity than the
endocardial ones. The model does reflect these rather obvious expected variations.
Further, if an inverse force velocity relationship applies to cardiac muscle then the
pattern of diminishing stress through the heart wall must result.
The heart model in its present form represents an initial approach to the problem

of simulating cardiac function in detail. It is recognized that improvements in LV
shape, fiber orientation, and muscle mechanics are possible and are underway. In
particular, the assumption of spherical geometry is unrealistic from a physiological
viewpoint and does introduce potentially significant errors into the stress distribu-
tion. For that reason the adoption of an elliptical geometry for the ventricle is one
of the most important modifications being made in the model presented here. Never-
theless, the present model is believed to be unique in its detail and accuracy of simu-
lation and of potentially significant clinical value.
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