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Abstract
Background: Zero-dimensional (lumped parameter) and one dimensional models,
based on simplified representations of the components of the cardiovascular system,
can contribute strongly to our understanding of circulatory physiology. Zero-D
models provide a concise way to evaluate the haemodynamic interactions among
the cardiovascular organs, whilst one-D (distributed parameter) models add the
facility to represent efficiently the effects of pulse wave transmission in the arterial
network at greatly reduced computational expense compared to higher dimensional
computational fluid dynamics studies. There is extensive literature on both types of
models.
Method and Results: The purpose of this review article is to summarise published
0D and 1D models of the cardiovascular system, to explore their limitations and
range of application, and to provide an indication of the physiological phenomena
that can be included in these representations. The review on 0D models collects
together in one place a description of the range of models that have been used to
describe the various characteristics of cardiovascular response, together with the
factors that influence it. Such models generally feature the major components of the
system, such as the heart, the heart valves and the vasculature. The models are
categorised in terms of the features of the system that they are able to represent,
their complexity and range of application: representations of effects including
pressure-dependent vessel properties, interaction between the heart chambers,
neuro-regulation and auto-regulation are explored. The examination on 1D models
covers various methods for the assembly, discretisation and solution of the
governing equations, in conjunction with a report of the definition and treatment of
boundary conditions. Increasingly, 0D and 1D models are used in multi-scale models,
in which their primary role is to provide boundary conditions for sophisticate, and
often patient-specific, 2D and 3D models, and this application is also addressed. As
an example of 0D cardiovascular modelling, a small selection of simple models have
been represented in the CellML mark-up language and uploaded to the CellML
model repository http://models.cellml.org/. They are freely available to the research
and education communities.
Conclusion: Each published cardiovascular model has merit for particular
applications. This review categorises 0D and 1D models, highlights their advantages
and disadvantages, and thus provides guidance on the selection of models to assist
various cardiovascular modelling studies. It also identifies directions for further
development, as well as current challenges in the wider use of these models
including service to represent boundary conditions for local 3D models and
translation to clinical application.
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Introduction
The cardiovascular system is the vehicle for the transport of blood throughout the
body, conveying nutrients to the body tissues and organs and removing some waste
products [1]. The circulatory system comprises the four chamber heart (including the
four heart valves), the systemic vessels that deliver the blood to and collect the blood
from the peripheral organs, and the pulmonary vessels that transport the blood
through the lung for exchange of oxygen and carbon dioxide. The heart contracts to
pump the blood into the systemic and pulmonary vasculature for circulation around
the whole body, and the four heart valves maintain the direction of the flow. The systemic and pulmonary vessels each can be divided into aorta/pulmonary artery, main
and small arteries, arterioles, capillaries, venules, veins, and vena cava/pulmonary vein.
From the aorta to the arteries, arterioles, and on into the capillaries, the vessel
branches into a tree-like structure, with vessel diameters decreasing, overall vessel
luminal area increasing and the vessel wall becoming stiffer for every later generation
of branching. The aorta and the larger arteries are quite elastic, and they act as reservoirs that buffer the pulsatility of the flow from the heart. Due to the changing vessel
properties, as well as to bifurcations, there are pulse wave reflections in the system,
which can have advantageous or disadvantageous effect on the heart loading and on
coronary perfusion depending on the timing of the reflected wave in relation to the
incident wave. There is also active control, in that the arterioles changed their vessel
calibre under neuro-regulation and various bio-chemical regulations, to adjust the
pressure and flow of blood to the peripheral organs. Capillaries are where the exchange
of nutrients and metabolites take place. From the capillaries to venules, veins and vena
cava, the vessels are merging along the flow direction to form an inverse tree-like
structure, with greater compliance in the larger vessels. The vena cava and the larger
veins are the most elastic vessels and they serve as a reservoir to accommodate the
redistribution of blood volume during transitions between different physiological conditions. Some veins such as those in the lower extremity have venous valves to aid the
directionality of the blood flow, and they are also subjected to the compression action
of the surrounding muscles, providing a secondary pumping action returning blood to
the right side of the heart. Some other veins such as those in the lung, collapse when
their intra-luminal pressure is lower than the extra-luminal tissue pressure. These
effects need special treatment during cardiovascular modelling. Generally the mean
intra-luminal pressure and the pressure pulsatility decrease along the blood flow direction from arteries to veins, although in the aorta and larger arteries pulsatility can
actually increase due to pulse wave reflections [2]. Detailed circulatory physiology is
introduced in various physiology textbooks such as [1].
Like all fluid systems, blood flow in the cardiovascular system obeys the laws of mass
conservation, momentum conservation and energy conservation, which are described
by a group of governing equations. Unlike more traditional engineering piping networks the vessels are comparatively flexible, and the constitutive equations of the vessel walls provide additional constraints that strongly influence the blood flow
dynamics. Furthermore the mechanical propulsion is provided by the muscle of the
heart, governed by its own constitutive equations including active components.
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A first division of the literature on cardiovascular dynamics research is the classification into time domain or frequency domain studies. Frequency domain representations
of the cardiovascular system [3-7] are based on linearisation of the governing equations, achieved by neglecting the convective acceleration terms. The simplified equations are then solved in the frequency domain using Fourier or Laplace transformation.
Frequency domain analysis permits fast and effective solution methods, but due to the
linearization process it is more suitable for analysing problems in which the system is
only slightly perturbated from a reference state. For a broader range of problems in
which the nonlinear terms cannot be neglected, time domain methods must be
employed. The focus of this review is on models represented and solved in the time
domain.
The selection of the appropriate dimensionality in a model representation, from 0D
though to 3D, depends on the aims, and on the required accuracy, of the research
study. Zero dimensional, or lumped parameter, models assume a uniform distribution
of the fundamental variables (pressure, flow and volume) within any particular compartment (organ, vessel or part of vessel) of the model at any instant in time, whilst
the higher dimensional models recognise the variation of these parameters in space.
This is illustrated in Figure 1.
Zero dimensional models give rise to a set of simultaneous ordinary differential
equations (ODEs): in representations of the vasculature there are often two ODEs for
each compartment, representing conservation of mass and conservation of momentum,
complemented by an algebraic equilibrium equation relating compartment volume to
pressure. System models constructed from 0D components generally feature the major
components of the system, such as the heart, the heart valves and compartments of
the vasculature, and are suitable for examination of global distributions of pressure,
flow and blood volume over a range of physiological conditions, including study of
interactions between the modelled components. One, two and three dimensional

Figure 1 Different scales of modelling.
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models give rise to a series of partial differential equations describing conservation of
mass and momentum (the Navier-Stokes equations), again complemented by equilibrium equations. In the context of cardiovascular mechanics, 1D models have the
important facility to represent wave transmission effects within the vasculature: these
are important in the aorta and larger systemic arteries. 3D solutions are required to
compute complex flow patterns, for example in the ventricles, around heart valves,
near bifurcations, or in any region with vortical or separated flows. No analytical solutions are available for any but the simplest geometries, and recourse is always made to
numerical solution. In the context of the vasculature, there is a place for 2D models
which can represent the radial variation of velocity in an axisymmetric tube. In 1D
models, velocity is integrated over the cross-sectional area of the vessel to give flow
based on some simplifying assumption about the velocity profile. Table 1 summarises
the dimensionality of the fluid mechanics representations and their broad ranges of
applications in the study of cardiovascular dynamics. 3D and 2D models are not the
subject of the current review. For the state of the art in the 3D cardiovascular flow
modelling, interested readers are referred to the review papers by [8] and [9].
It should be noted that when the 1D form of the Navier-Stokes equation is discretised in space and the convective term neglected, it becomes a series of 0D models.

0D cardiovascular models
0D models are developed to simulate the global haemodynamics in the whole circulation system. In carrying out 0D modelling, the concept of a hydraulic-electrical analogue is often applied. Generally, blood flow in the circulatory system and electric
conduction in a circuit have much similarity: blood pressure gradient in the circulatory
loop drives the blood to flow against the hydraulic impedance; similarly, voltage gradient in a circuit drives current to flow against the electric impedance. Hydraulic impedance represents the combined effect of the frictional loss, vessel wall elasticity and
blood inertia in the blood flow, whilst electric impedance represents the combination
of the resistance, capacitance and inductance in the circuit. Blood flow is described by
the continuity equation for mass conservation, Poiseuille’s Law for the steady state
momentum equilibrium, and the Navier-Stokes equation for the unsteady state
momentum balance; similarly the electric flow in the circuit is governed by the Kirchhoff’s current law for current balance, and Ohm’s law for the steady state voltage-current relation, and the transmission line equation for the high frequency voltage-current
relation. Thus by representing the blood pressure and flow-rate with voltage and current, describing the effects of friction and inertia in blood flow and of vessel elasticity
Table 1 Comparison of modelling techniques for cardiovascular dynamics studies
Method of study
Time

Suitable research target

0D (lumped
parameter)
model

domain Distributed 1D
study

parameter 2D
model

3D

Frequency domain study

Global cardiovascular dynamics in the whole circulation system; General pressure
and flow-rate changes in a local circulation loop; possibly to provide boundary
conditions for local 3D models
Pulse wave transmission; improved boundary conditions for 3D local models,
capable of capturing systemic wave reflection effects
Local flow field study in axisymmetric domains; further improvement of boundary
conditions for local 3D models, but limited applicability
Local flow field study in full 3D domains
Frequency response analysis of cardiovascular system after linearization
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with resistance R, inductance L and capacitance C in the electric circuit respectively,
the well-established methods for analysis of electric circuits can be borrowed and
applied to the investigation of cardiovascular dynamics. The electrical analogue is
unable to describe the nonlinearities that sometimes feature in cardiovascular
mechanics including, for example, the contribution of the convective acceleration
terms in the momentum equation and/or the nonlinear relationship between pressure
and volume in a real vessel. Nevertheless these differences will not change the general
nature of analysis when using the hydraulic-electric similarity, and when necessary
these non-linearities can be specifically addressed in solving the governing equations.
0D cardiovascular system analysis started with the modelling of arterial flow using
the famous Windkessel model. This was subsequently expanded to cover the modelling
of other organs such as the heart, heart valves, and veins. The numerous 0D models
that have been derived and reported to describe the specific characteristics of each of
the circulatory subsystems are reviewed in this section.
Models of the systemic vasculature

The first group of models considered is that which has been reported to describe the
systemic vasculature, and for which the left ventricle and right atrium of the heart
represents boundary conditions. Historically these models have evolved and increased
in complexity as researchers have added components to capture particular physical or
physiological phenomena. As stated previously, both the mean intra-luminal pressure
and the pressure pulsatility generally decrease along the blood flow direction from
arteries to veins (note that local increases of pulse pressure in the aorta and larger
arteries due to wave reflection can be analysed using 1D models, but are not usually
revealed in coarser 0D representations). There is a wide range of 0D systemic vasculature models to simulate the intra-luminal pressure and flow changes, from the simplest
Windkessel model which considers the vein as a zero pressure sink and models the
vasculature from aorta to capillary as a single capacitance C connected in parallel with
a single resistance R, to the most comprehensive Guyton model [10] in which most of
the main circulatory branches from arteries to veins were specifically represented as
well as some autonomic and hormone regulation effects. These models can be divided
into two subgroups, namely single- or mono-compartment models, in which increasing
levels of sophistication are used to capture systemic response, and multi-compartment
models, in which separate parts of the vasculature are represented as different compartments (often with similar electrical components but with different particular values
of frictional loss coefficient, inertia and vessel compliance). Multi-compartment models
even have the facility to capture wave reflections when the division of vessel segments
is sufficiently small.
Mono-compartment descriptions

In a mono-compartment description, the whole vessel network is described with a single resistance-compliance-inductance (RLC) combination (although there might be
more than one of each component). The simplest and the first mono-compartment
description is the famous two-element Windkessel model, which was first proposed by
Stephen Hales in 1733, and later formulated mathematically by Otto Frank in 1899
[11]. The Windkessel model consists of two parallel elements, a capacitor C that
describes the storage properties of large arteries and a resistor R that describes the
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dissipative nature of small peripheral vessels including arterioles and capillaries, as illustrated in Figure 2(a). This model was developed to represent the elementary characteristics of the systemic artery network, while the veins were neglected and represented
as a far field zero pressure. Although it appears to be very crude compared with the

Figure 2 Mono-compartment models for the vessel network. (a) RC Windkessel model; (b) RCR
Westkessel model; (c) RCR2 model; (d) RLCR1 model; (e) RLCR2 model; (f) RLCR1 model with sleeve effect;
(g) RLCRCLR model.
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more sophisticated models developed later, the two-element Windkessel model provides a simple way of representing the pressure decay in the aorta over the period of
diastole. Even today, this simple RC combination model is still used in clinical practice
for the estimation of total arterial compliance when peripheral resistance and the aortic
pressure pulse waveform are known [1,11]. Despite the obvious restriction that this
model has only a single time constant, and therefore cannot capture the high frequency components associated with pressure reflections in the artery network, it is
nevertheless often used in cardiovascular modelling to provide a simple representation
of the after-load on the heart. It is also often used to provide a simple terminal boundary condition in more elaborate distributed parameter representations.
Extending the Windkessel model for the simulation of arterial characteristics, Landes
[12] introduced an extra resistance element Rc, connected in series with the RC Windkessel model as shown in Figure 2(b). This model has been extensively studied by
Westerhof and co-workers [13], and is sometimes called the Westkessel model, or
RCR model. The second resistance Rc represents the characteristic impedance of the
arterial network, defined as the ratio of the oscillatory pressure and the oscillatory
flow-rate when no reflective waves are present [2]. The overall resistance Rc+R equals
the total systemic vascular resistance in the previous RC model, and the capacitance C
represents the elasticity effect of the arterial network [13]. Despite its simplicity, the
introduction of the proximal Rc greatly improves the high frequency performance of
the model [13]. In vivo and numerical studies have indicated that the RCR model provides, subjectively, a good representation of after-load in the context of prediction of
stroke volume, stroke work, and systolic and diastolic aortic pressure [14]. It is widely
used in cardiovascular simulations as the after-load for the evaluation of cardiac function under various physiological and pathological conditions. However, in vivo studies
have also indicated that the RCR model significantly underestimates peak aortic flow,
slightly underestimates mean arterial pressure, and does not provide realistic aortic
pressure and flow waveforms, when compared to a realistic arterial impedance model
under the same simulated ventricular action [14].
In parallel to the Westkessel RCR model, Burattini and Natalucci [3] developed a different configuration of the three element RCR model to describe the arterial characteristics, in which the a small resistance R c was placed in series with the capacitor C
instead of in series with the RC combination, as shown in Figure 2(c). In this configuration the small resistance R c was conceptually coupled with the capacitor C to
describe the visco-elastic property of the vessel wall, in contrast to its use to capture
grossly the wave reflection response in Westerhof et al.’s RCR model. By tuning the
model parameters, the two RCR models could produce the same frequency characteristics and thus they were equivalent to some degree. However, it remains a problem of
whether the visco-elastic property of the vessel has stronger influence on the arterial
characteristics than the wave reflection and thus needs to be considered with priority.
Landes [12] further extended the RCR arterial model by incorporating the inertial
effect of blood flow, forming a model configuration of RLCR1 as shown in Figure 2(d).
Westerhof et al. also added the inertial effect of blood flow in the RCR model and proposed another four-element arterial model of RLCR2 [15,16], as illustrated in Figure 2
(e). Inclusion of the inertial term L helps to further improve the modelling accuracy of
vessel impedance in the middle frequency range. Several in vivo studies have been
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carried out to compare the modelling accuracy of the RC, RCR, RLRC1 and RLRC2
models, and it has been demonstrated that the RLRC1 model best reproduces the character of the vascular impedance data [17,18]. However, with more elements included,
identification of model parameters becomes a difficulty. The model parameters are
often obtained through nonlinear regression analysis based on measured pressure/flow
data at aortic root. With only one more element added, parameter identification for
the four-element RLRCR1 and RLRCR2 models are much more difficult than for the
three-element RCR model and the two-element RC model. For this reason the
RLRCR1 and RLRCR2 model are not so widely used as the RCR and RC models.
To further improve the arterial modelling, Westerhof et al. have also extended the
RCR model by including more R and L components, configured as illustrated in Figure
2(f), to simulate the laminar oscillatory flow impedance, the so called sleeve effect [15].
This model is excellent for test cases representing Womersley’s solutions for axisymmetric flow in a straight cylindrical tube, but has less relevance to complex vascular
networks. It is relatively complicated, and accurate resolution of the radial distribution
of velocity/flow can be better achieved through two dimensional or three dimensional
computational fluid dynamics studies. As a result this model has been relatively
unexploited by other researchers in the field.
The above RC, RCR and RLRC1 models were mainly developed to describe the pressure and flow characteristics in the aorta, and they were also applicable to arterial pressure/flow modelling in general vessel branches where the pressure and pressure
pulsation in the venous side of the vessel beds are negligible, and this is the case for
most of the applications. However, for some circulation beds such as coronary and
pulmonary circulations, there are significant pulsatile components in the venous pressure and flow and thus the venous side contribution to the overall haemodynamics is
not negligible [19,20]. To rectify the problem, more complex 5, 6 and 7 element vascular models (RCRCR, RCRCLR and RLCRCLR models) have been derived in which
extra R, C and L elements were included to account for the dynamic characteristics of
the veins. For the calculation, measured venous pressure or flow was applied at the
venous side, in addition to the pressure or flow input at the arterial side, for the evaluation of overall response in the studied vessel branch [19,20]. Figure 2(g) shows a 7
element RLCRCLR model. Frasch et al. [20] carried out in vivo measurements and
numerical data fitting, and demonstrated that, compared with the 2, 3, and 4 element
Windkessel models, the 5 element RCRCR model provides a better description of
microcirculation dynamics, and the 6 element RCRCLR model gives better representation of the dynamic contribution of the venous subsystem of the systemic vasculature.
The specific characteristics of the 7 element RLCRCLR model in modelling the whole
systemic circulation was not reported, but it was designed to further improve the
mono-compartment description of the systemic vasculature network by improving the
representation of the venous subsystem. Originally the 7 element RLCRCLR model was
proposed as a mono-compartment model to describe the characteristics of the complete systemic vasculature, but we can also interpret it as a series connection of an
RLC model for the arterial subsystem, a resistance model for the capillaries, and
another RLC model for the venous subsystem. In this sense it can also be considered
as a multi-compartment model as discussed in the next section.
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Multi-compartment descriptions

In the mono-compartment models discussed above, the whole systemic vasculature is
treated as a single block, and thus the internal distribution of pressure and flow-rate in
the different segments of the vessel network is not computed (although, depending on
the problem formulation, some spatial information might be computed as internal compartment variables). Multi-compartment models have been developed to address these
shortcomings. In these models the systemic vasculature is partitioned into a number of
segments, and each segment, or compartment, is described by its own resistance R, compliance C and inductance L, depending on the local vessel characteristics. The vessel
segments are connected together to form the complete model of the whole vessel network. Depending on the specific aims of any particular study, and the requirement for
modelling accuracy, the systemic vasculature can be appropriately partitioned to provide
detail in the region(s) of interest, whilst other segments can reasonably be lumped
together using less sophisticated model elements. This flexible and simple description of
the systemic vasculature is a powerful tool for cardiovascular simulation.
In constructing the multiple compartment models for the vessel network, it is necessary to first derive suitable RLC models for the vessel segment, as a building block in
the development of the whole vessel network model. It may be argued that the monocompartment descriptions such as RC, RCR and RLCR models discussed in the previous section can be directly used for this purpose, and indeed some researchers have
adopted these descriptions [21-24]. However these configurations have been developed
to provide appropriate descriptions for the systemic vasculature as a unit, and are not
necessarily the most appropriate for its component parts. The characteristics of the
vessel segments are in general quite different from those of the system. Formaggia and
Veneziani [25] and Milisic and Quarteroni [26], after reviewing existing descriptions,
provided detailed derivations of four typical compartment model configurations appropriate for the description of a vessel segment. The derivation considered the blood
flow in a vessel segment as a one dimensional formulation, and mean flow-rate and
pressure over the whole vessel segment were assumed to be equivalent to either the
input or the output value (the choice for each depending on the specific formulation).
The four compartmental configurations were labelled as L network element, inverted L
network element, T element and π element as illustrated in Table 2. Each is most
appropriately used with particular combinations of boundary conditions. Among these
configurations, the inverted L network element uses the inlet flow and the outlet pressure as boundary conditions, and solves for the inlet pressure and the outlet flow. This
is consistent with the common practice of using upstream velocity and downstream
pressure as boundary conditions in 2D and 3D computational fluid dynamics studies.
Using these network elements as building blocks, several multi-compartment models
of the systemic vasculature have been developed, with various levels of complexity,
Table 2 Four typical vessel segment models as building blocks of multi-compartment
description of the vessel network (after [25,26])
Network element

Circuit model

Corresponding boundary conditions

Inverted L element

Upstream flow-rate Qi and downstream pressure Po

L element

Upstream pressure Pi and downstream flow-rate

T element

Upstream and downstream pressures Pi and Po

π element

Upstream and downstream flow-rates Qi and Qo
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from the single branch models upwards. Most researchers take the approach of partitioning the systemic vasculature into segments representing aorta, artery, arteriole,
capillary, and vein [27-32], characterising the network element to suit local flow features, and then connecting the segments to form the circulation loop. In the aorta and
the main arteries the blood vessels are quite elastic, and the blood flow is pulsatile,
thus the full resistance, compliance and inductance effects (RLC combination) need to
be considered. In the arterioles and capillaries, the vessel wall is relatively rigid, the
flow is steady and frictional loss is the dominant factor, thus the local flow dynamics is
adequately described by a pure resistance element. The general veins and vena cava
are compliant and the blood flow is relative steady, thus the inertial effect is often
neglected and an RC combination is considered sufficient to describe their flow characteristics. It is understood that some peripheral veins, such as those in the lower
extremities, are under the compression action of the surrounding muscles as well as
having valves to keep the one-way flow direction. However, in studying the dynamics
of the whole circulatory system, such local scale effects are secondary when compared
with the more dominant contribution of the vena cava and pulmonary vein as blood
reservoirs, thus the RC combination provides an appropriate characterisation for general veno-dynamics. Figure 3 illustrates a sample multiple compartment model for the
systemic vasculature developed by Shi et al. [33]. Some researchers have also built
multi-branched multi-compartment models [22,23,34-44] to investigate blood flow distribution and pressure/flow characteristics in each simulated vessel branches. It is the
opinion of the authors of this review that there is a danger in the adoption of these
more complex descriptions that, although in principle they can represent the system
more accurately, in practice it is often very difficult to estimate appropriate values for
many of the model parameters. Estimation of more parameters requires more measurements, and solution of the inverse problem to estimate the parameters even if measurements are available is often non-trivial. Noordergraaf et al. [43], Avolio [45], and
O’Rourke and Avolio [44] have constructed full, frequently cited, models for the systemic arterial network. O’Rourke and Avolio’s model bore a close relationship to Noordergraaf et al.’s model, but was claimed to be more realistic in its representation of the
vascular bed, particularly that in the upper part of the body [44].
Summary of properties and attributes of systemic vasculature models

As a summary, the vessel models described above are compared in Table 3.
Models of the heart
Isolated chamber models

There have been numerous studies on quantitative characterisation of the heart as a
pump. Leefe and Gentle [46] discussed the characteristics of the left ventricle, exploring whether it was better described as a pressure or as a flow source: of course in

Figure 3 A sample multi-compartment model. (sas: aortic root; sat: artery; sar: arteriole; scp: capillary;
svn: vein).
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Table 3 Comparison of various 0D models for the systemic vasculature
Model configuration

Monocompartment
model

Advantages

Disadvantages

RC
model

Reveals the general Cannot simulate the Venous pressure
storage properties
effect of high
is assumed to be
of large arteries and
frequency
zero and thus
the dissipative
components in the venous pressure
nature of small
arterial impedance,
fluctuations
peripheral vessels
can not accurately
cannot be
with the simplest
match the aortic
described.
model structure
pressure and flowrate waveforms

RCR
model

Simple, and gives a
better description
of the high
frequency
components in the
arterial impedance
than the RC model

Can not describe
the features of the
secondary
maximum and a
discrete minimum
in the medium
frequency range of
the arterial
impedance.

RLCR
model

Simple, and offers
improved
description of the
secondary
maximum and a
discrete minimum
in the medium
frequency range of
the arterial
impedance than
the RCR model

Parameter setting is
more difficult than
for the RCR and RC
models, which
limited its
applications.

Cannot describe
the pressure and
flow-rate changes
in specific
segments of the
vasculature; cannot
simulate the pulse
wave transmission
effect

RLCRCLR Simplest model that
The model structure is complex
model accounts for venous
compared with RC, RCR and RLCR
pressure
models, thus parameter setting is more
fluctuations
difficult.
Multiple compartment
model

Flexible
combination of RLC
network elements
to describe the
vessel
characteristics to
whatever level of
detail required.
Captures, within the
limitations of the
model, pulse wave
transmission effects.

More complex to implement than the mono-compartment
models. Difficult to determine appropriate RLC parameters
when the model includes many vessel segments.

truth it is a combination of the two. In the 1970s, Suga et al. [47] proposed a varying
elastance model for the ventricle. In this model, the ventricular pressure is presented
as a function of the ventricular elastance and the change of the ventricular volume
from its unstressed value. The change of ventricular volume is determined by the
blood flow into and out of the ventricular chamber, and the ventricular elastance is
defined as a time-varying function based on the in vivo measurement of the ventricular
activity over the cardiac cycle. This model is easy to understand and to implement, and
it has been widely adopted by researchers such as [23,27-29,32,35,48-51].
Various alternatives to the varying elastance model have been described. Zacek and
Krause [31] derived a heart model in which heart muscle mechanics were based on
Hill’s three parameter model. The ventricular pressure was calculated from the computed muscle force and the volume calculated from the change of muscle length. Werner et al. [42] proposed equations to calculate the myocardial wall tension in systole
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and diastole by using Hill’s model and considering the Frank-Starling effect, and then
calculated the ventricular pressure based on the Laplace law by assuming the heart
chamber to be spherical in shape. Bovendeerd et al. [52] and Diaz-Zuccarini and
LeFevre [53] calculated the ventricular pressure in a similar way. Another simpler
model for the heart is to use an exponential equation to define the cardiac output as a
function of the atrial pressure, with ventricular dynamics details completely neglected
[54,55]. Nevertheless, due to its concise model structure and clear physical meaning,
the varying elastance model remains the most popular. In addition to its original usage
as a descriptor of left ventricle performance, the variable elastance model has also been
extended for applicability to the simulation of atrial dynamics [29,32,35,38,50,51]. Yaku
et al. extended the variable elastance model further to study ventricular fibrillation,
assigning different parameters to the normal and diseased cardiac muscles [49].
Models of Chamber Interactions

The models described in the previous section treat the heart chambers in isolation.
Various interactions including atrial-ventricular interaction [56,57], ventricular interaction [29,32,36,38,58-63], and the effect of the pericardium on the cardiac dynamics
[29,36,38,59,61] have also been studied. Noting that the atrial-ventricular septum
(annulus fibrosus) undergoes large displacements during the heart cycle, and that the
septum motion contributes about 10% of the cardiac output, Korakianitis and Shi
[56,57] have derived detailed equations to model the septum motion. Ventricular interaction was also considered to be important in cardiovascular dynamics studies by some
researchers [29,32,36,38,58-63]. The left and right ventricles are separated by a ventricular septum. During diastole, the imbalance of pressure in the two ventricular chambers produces septum motion, thus causing an interaction in the filling of the two
ventricles. In systole the septum also contracts and contributes to the cardiac output.
To model this process the variable elastance model has been further developed to
account for the specific response of the left and right ventricular free walls and the
ventricular septum. Another interaction extension is to include the effects of the enclosure of the heart in pericardium, recognising that the volume change in one heart
chamber would affect the pressure value in the pericardial sac, and thus that the pressure-volume relation in the other three chambers would inevitably be affected. To
model this feature, an exponential pressure-volume relation was assumed in the sac,
and applied in the calculation of pressure-volume relations in the four heart chambers
[29,36,38,59,61].
These interactions were proposed and studied, but further validation was still lacking
due to the complexity of the problem and limitations of experimental technique, thus
there is little reference to them in the most recent literature.
Models of the heart valves

There are four heart valves in the normal heart, the mitral, tricuspid, aortic and pulmonary valves. The valves prevent backflow of blood from the ventricles to the atria
during systole (mitral and tricuspid valves) or from the aorta and pulmonary arteries
into the ventricles during diastole (the aortic and pulmonary valves). These valves
close and open passively under various external effects of pressure gradient across the
valve, vortex flow near the valve [64,65], shear force acted on the valve leaflet surfaces
etc. Extensive analytical, numerical and experimental studies [66-68] have been carried
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out to investigate valve dynamics in three dimensions, but the fundamental mechanics
of opening and closure remain difficult to characterise.
The simplest models of the heart valve used in 0D studies of cardiovascular
dynamics, featured the valve as a diode plus a linear or nonlinear resistance
[22,50,69,70]. The valve has little resistance to the flow when the pressure gradient
across it is positive, while the flow is totally stopped when the pressure gradients
across it is negative. This idealised description ignores the more complex features of
valve dynamics. The complexity of valve motion has been demonstrated in vivo: for
example, Leyh et al. [71] conducted trans-thoracic and trans-oesophageal echocardiographic studies on 20 human subjects after different surgical interventions for repair of
aortic valves, and found that the valve undergoes a three-stage motion pattern: a rapid
early systolic opening, a slow middle systolic closing, and a rapid early diastolic closing
movement. Clinical observation has also revealed that the mitral valve has a regression
motion that causes the leaflet to return to the fully open position before the rapid
early diastolic closing [1,72].
It is clear that real valve motion is a more complex procedure than a simple change
of status between open and closed as described by the idealised diode model. Zacek
and Krause [31] considered the change of heart valve resistance during valve motion
by using the concept of a time-dependent drag coefficient. In their work the drag coefficient was a prescribed function of the valve open area, and it approached infinity
when the valve was closed. The drag coefficients were added to the losses of the conduit in which the valve was situated. Werner et al. [42] described the valve behaviour
by including the volume of the reverse flow during the closure phase: in their study
this was referred to as the ‘dead space volume’, which was a function of the valve leaflet opening angle and became zero when the valve was fully closed. Shi et al. [73] modelled the valve dynamics by considering the local flow resistance and the blood inertial
effect. The valve was described with an orifice model, and the valve opening change
was prescribed based on previous experimental observations. Although each of these
models has merit in representing further details of valve behaviour, in all cases this
behaviour was prescribed whilst the underlying valve dynamics and motion mechanism
were not considered. As a result, none could simulate the three stage motion pattern
of the valve revealed by [71]. To further improve the valve dynamics modelling, Korakianitis and Shi [74] proposed a more advanced heart valve model, in which the valve
dynamics were described by an ordinary differential equation that considered the different effects of pressure gradient across the valve, vortex flow near the valve, shear
force acted on the valve leaflet surfaces etc. In this model, the relative importance of
these factors was determined by referring to the results of previous two dimensional
and three dimensional computational fluid dynamics studies. With these improvements, the model could effectively simulate the valve opening and closing procedures,
and the numerical results agreed well with the published results on in vivo measurement of valve motions with echo-cardiography [1,71,72].
Nonlinear effects and external interactions

Although the electrical-hydraulic analogue has been widely used to study cardiovascular dynamics it should be noted that, in contrast to the electric system, the cardiovascular system can exhibit strong nonlinearities. These nonlinear effects include
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sympathetic/parasympathetic neuro-regulation, auto-regulation in cerebral and coronary circulation loops, cardio-pulmonary interaction, collapse of vessels due to environmental pressure, effect of venous valves, and pressure-dependent vessel compliance in
the artery etc.
Neuro-regulation

The nervous system has an important influence on the cardiovascular changes, through
the sympathetic and para-sympathetic nerves. There are baroreceptors in the aortic
arch, carotid artery and atrium, which are continuously monitoring blood pressure and
blood oxygen levels. When these physiological variables are out of the normal ranges,
the baroreceptors trigger the nervous system so that sympathetic and/or parasympathetic nerves are stimulated and regulate cardiovascular response. The sympathetic
nerves can trigger arteriole contraction and thus cause an increase in resistance to
blood flow and a concomitant decrease in the rate of blood flow through the tissues.
Similarly it can decrease the unstressed volume of veins and thus push more blood
into the heart for circulation: this in turn causes an increase in heart rate and an
increased cardiac pressure and cardiac output. In contrast, action of the parasympathetic nerves causes a marked decrease in heart rate and a slight decrease in heart
muscle contractility. Through these mechanisms the nervous system controls the circulation by redistributing blood flow to different areas of the body, increasing or decreasing pumping activity by the heart, and, especially, providing very rapid control of
systemic arterial pressure [75]. Neuro-regulation can increase arterial pressure to double its normal value within 5 to 10 seconds and, conversely, sudden inhibition can
decrease the arterial pressure by 50% within 10 to 40 seconds. Thus in some physiological conditions, such as posture change or tilting, hypoxia, response to gravitational
acceleration, effect of intra-thoracic pressure variation etc., the effect of neuro-regulation on the cardiovascular system becomes too important to be neglected.
Ursino et al. have developed an analytical model of neuro-regulation, and combined
this model with a multiple compartment cardiovascular model for the simulation of
physiological and pathological responses under various conditions of isocapnic hypoxia
[41,76], haemorrhage [40], hypercapnia and hypocapnic hypoxia [77] and carotid occlusion [27]. Lu et al. [35] derived detailed models for a fast vagal pathway and three slow
sympathetic pathways for the control of heart rate, myocardial contractility and vasomotor tone, and combined the neuro-control model with a cardiovascular system
model and a lung mechanics model for the simulation of the cardiopulmonary
response under the Valsalva manoeuvre. Green and Miller [78], using an RCR model
to describe the systemic vasculature, adopted a simple linear equation to model the
neuro-regulation effect of systemic compliance based on arterial pressure, and simulated cardiovascular response to acceleration stress. Melchior et al. [79] produced a
comprehensive review of the mathematical modelling of the human cardiovascular system for the simulation of orthostatic response, including neuro-regulation.
Auto-regulation

In any tissue of the body, an acute increase in arterial pressure causes an immediate
rise in blood flow. Within less than a minute, however, the blood flow in most tissues
returns almost to the normal level, even when the arterial pressure remains elevated.
This restoration of flow towards the normal state is called auto-regulation. In contrast
with neuro-regulation, which is under the control of the central nervous system, auto-
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regulation is a local biochemical procedure. The detailed underlying mechanism of
auto-regulation is unknown, but the metabolic requirement of the organ and the myogenic response of the vascular smooth muscle are considered to be two of the main
causes [75]. Auto-regulation has an important influence on the blood flow in several
local circulation loops, including the cerebral, renal, and hepatic circulations, and is a
requisite component of any model of these subsystems.
Lodi and Ursino [80] have published a circulation loop model for the simulation of
cerebral circulation dynamics. Based on the metabolic requirement theory for the
auto-regulation effect, a sigmoidal auto-regulation curve was developed to relate the
pial artery compliance to the cerebral blood flow, and the pial artery resistance was
regulated indirectly by the changes in its volume associated with its compliance. Similarly Jeays et al. [81] developed a model based on myogenic response for the modelling
of gut blood flow regulation and postprandial hyperaemia. Cornelissen et al. [82,83]
modelled the auto-regulation effect in coronary circulation by considering the myogenic, flow-dependent, and metabolic flow controls. However, because the underlying
mechanisms governing the auto-regulation effect are still under investigation, these
modelling efforts are mostly based on incomplete assumptions.
Interaction between the cardiovascular system and the respiratory system

The main organs of the cardiovascular system (heart, aorta, and vena cava) and those
of the respiratory system are all situated in the thoracic cavity. For this reason strong
interaction exists between the two systems. In modelling the interaction between the
cardiovascular system and the respiratory system, Bai et al. [84] developed a combined
model for the simulation of cardio-pulmonary response in step-leap respiration exercise for the treatment of cor pulmonale. To account for the respiratory effect on the
pulmonary circulation, the volumes of the pulmonary artery and veins were modelled
using an exponential function of the intra-thoracic pressure. Lu et al. [35] combined a
neuro-control model, a cardiovascular system model and a lung mechanics model for
the simulation of cardiopulmonary response under the Valsalva manoeuvre. This
model included specific consideration of the effects of pleural pressure on the intracardiac pressure and the pressures within the large intra-thoracic blood vessels, and
the effect of lung air volume change on the capillary resistance in the pulmonary blood
vessels. Lazzari et al. [85] built a cardiovascular model to study the interaction of a
ventricular assist device and artificial ventilation, in which the influence of intra-thoracic pressure on the blood flow in the heart, systemic thoracic veins, and pulmonary
vessel network was adequately considered.
Venous collapse due to environmental pressure

Large veins usually have little resistance to blood flow when they are distended. However, due to the compression action of surrounding tissues and organs, and to the rest
state of intra-abdominal and intra-thoracic pressures, veins are usually at least partially
collapsed. In these situations, the large veins do usually offer some resistance to blood
flow [75]. The majority of published cardiovascular studies have focused on the cardiac
and arterial systems, whilst veno-dynamics has received less attention,
Fung [86] produced a detailed analysis of venous collapse, and derived the detailed
analytical formulations that govern the behaviour of the veins in the collapse phase. In
the context of lumped-parameter modelling of venous collapse, Lu et al. [35] used an
exponential pressure-volume relation for the modelling of the capacitance of systemic
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veins, with nonlinear and/or piecewise linear equations to describe the compliance and
the resistance of the vena cava as functions of luminal blood volume. Zervides et al.
[87] derived pressure-dependent venous resistance, compliance and inductance. Beyar
et al. [29] modelled the venous resistance as linear function of the difference between
the peripheral and central vena cava pressures when the peripheral venous pressure is
less than zero, and as a constant value when the peripheral venous pressure is greater
than zero. Ursino et al. [27,28] modelled the pressure-volume relation of the peripheral
and venous vessels as a nonlinear exponential function. In simulating venous circulation, Snyder and Rideout [37] applied a higher compliance value (by twenty times) for
the collapsed veins compared with that for un-collapsed ones, determining the current
state by comparison of the current volume of a venous segment with its unstressed
volume. Peterson et al. [24] applied a similar model in the simulation of the influence
of gravity and posture on cardiac performance. In simulating the interaction between
the native cardiovascular system with an intra-aortic balloon pump, Barnea et al. [48]
represented the pressure-volume relation of systemic veins by a fifth order polynomial
approximation.
Effect of venous valves

The valves in the veins are arranged so that the direction of blood flow (except for
local and temporary changes due to venous compliance) can be only towards the
heart. Every time a person moves the legs or even tenses the leg muscles, a certain
amount of venous blood is propelled toward the heart. Thus valves in the veins have
an important role in countering the tendency of some changes in posture (and associated gravitational changes) to cause flow away from the heart [75]. It has already
been stated that veno-dynamics has received relatively little attention from the physiological modelling community: venous valves have received even less. Zervides et al.
[87] modelled the venous valve as a diode to allow no backflow, and also reported on
the effects of simple modifications to account for swept-volume flow reversal and for a
leaky valve. Beyar et al. [29] simulated the venous valve by assigning different resistance values to the valve subjected to positive or negative pressure gradients. Similarly,
Snyder and Rideout [37] simulated the venous valve by a two diode configuration in
which the resistance to the reverse flow was different from that for the forward flow.
Further improvements is possible by adapting more advanced models, such as the one
developed by Korakianitis and Shi [74] to represent heart valve dynamics, for the simulation of venous valves.
Pressure-dependent constitutive equations and vessel properties

Most often in the 0D model descriptions and solution methods, the component values
(R, L and C) are taken to be constant. However, since these represent real physical
parameters they are subject to the same nonlinearities as any other description of vascular mechanics, namely geometrical and material nonlinearities. As the vessel diameter changes under changes of pressure, its compliance will change as will its
resistance to flow. These effects can be included in 1D models, but are usually
neglected in 0D models. The vessel wall exhibits a nonlinear stress-strain curve [88],
meaning that the compliance C is also a function of the luminal pressure. Furthermore
the vessel wall material is visco-elastic. However, given that the diameter changes in
the arterial system are relatively small (order of 10%), and that the range of arterial
pressures over the cardiac cycle is such that the material tends to operate in a
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relatively linear region of the stress-strain curve, it is possibly justifiable to neglect the
pressure dependence of the arterial properties. This is not so for the veins, at least
when they enter a collapsed state.
To address the pressure-dependence of the constitutive equations for vessels, several
researchers have proposed models based on in vivo measurements or on theoretical
derivations. Ursino et al. [27,28] used a linear pressure-volume relationship to model
the arteries in the simulation of carotid baro-regulation of pressure pulsation. Fogliardi
et al. [89] carried out in vivo experimentation to further test the linear and nonlinear
formulation of the RCR model, and based on the experimental results commented that
no additional physiological information was gained when a pressure-dependent compliance throughout the heartbeat was incorporated in the three-element Windkessel,
compared with that using a constant compliance. They also reported that the nonlinear
model did not significantly improve the approximation of diastolic pressure in the presence of an evident oscillation. In contrast, Li et al. [90,91] adopted an exponential variation of arterial compliance with pressure changes, applied the proposed relation in a
three element RCR vessel model, and came to the conclusion that a pressure-dependent compliance could more accurately predict aortic and stroke volume. Cappello et
al. [92] developed a one-step computational procedure for estimating the parameters
of the nonlinear RCR model of the arterial system incorporating a pressure-dependent
compliance.
Coronary vessels are subject to a different mechanical environment compared with
that of other arterial vessels, associated with the large myocardial stresses generated in
systole. For the simulation of coronary vessels Geven et al. [93] modelled the resistance
of the coronary capillary bed as a linear function of left ventricular pressure in systole,
and as a constant value in diastole. Bovendeerd et al. [52] used 20 times larger values
for the coronary arterial, coronary myocardial and coronary venous resistances in normoxia compared to those in hyperemia. Barnea et al. [48] modelled the coronary arterial resistance as a linear function based on the pressure difference between the aortic
pressure and venous pressure and the pressure difference between the aortic and ventricular pressure. Smith et al. [94] modelled the resistance and the compliance of the
coronary arterioles, capillary and venules as function of both arteriolar and venular
pressures. Spaan et al. [95] developed a model for the coronary loop in which the resistances of the coronary arteriole and veins changed under auto-regulation, and the same
group [82,83] added myogenic, flow-dependent, and metabolic flow control to coronary
flow modelling. The developed model has been validated [96,97] through in vivo
measurements.
In summary, it might be deemed necessary to consider the pressure-dependent vascular properties in the coronary vessels and in the veins, but the argument for their
usage in other arteries is less compelling.
Integrated cardiovascular system models

Numerous 0D integrated system models have been developed by assembling component models of the vasculature, the heart and the heart valve, according to the needs
of particular studies. The simplest system models represent the whole vasculature as
two element (RC) or three element (RCR) Windkessels [53,69,78,91,98] whilst more
comprehensive models feature multiple vascular compartments [27-32], sometimes
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with the important local branches represented individually [22,23,34-42]. The most
common model of the heart in an integrated system model is the varying elastance
model and the most common heart valve model is a simple diode. Figure 4 shows a
typical integrated cardiovascular system model developed by Shi and Korakianitis [99].
A special case of 0D modelling is that of the specific study of the local circulation
characteristics in some important vascular subsystem, such as cerebral, coronary, renal
or lower extremity, where often multiple compartment models have been designed to
include such features as complex anastomoses, auto-regulation effects and sometimes
collapsible vessels and internal valves. Most commonly these detailed local simulations
have not included a heart model, and usually flow rates and/or pressures are directly
applied as boundary conditions. Examples of these types of models are those proposed
by [23,37,52,80,93,100-104].
Parameter settings of 0D models

Theoretically the model parameter in the 0D models can be derived from the pressure/
flow data measured in selected positions of the circulatory system. However, several
difficulties make parameter setting a challenging task. The invasive nature of many of

Figure 4 A sample complete circulatory system model. (sas: systemic aortic root; sat: systemic artery;
sar: systemic arteriole; scp: systemic capillary; svn: systemic vein; pas: pulmonary artery root; pat: pulmonary
artery; par: pulmonary arteriole; pcp: pulmonary capillary; pvn: pulmonary vein; lv: left ventricle; la: left
atrium; rv: right ventricle; ra: right atrium; mi: mitral valve; ao: aortic valve; ti; tricuspid valve; pa: pulmonary
valve).
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the measurements, restricted access to the required measurement sites due to anatomical configuration, practical difficulties in the orientation of flow probes (particularly
invasive ones), sometimes difficulties in synchronisation of pressure and flow data (particularly when not measured simultaneously), limited precision in the pressure/flow
sensor, all contribute to the accuracy of the model parameters obtained. Perhaps more
importantly, the pressure/flow measurement data available provide only part of the
information needed for the estimation of a number of model parameters. Since a 0D
model is an abstraction of the vasculature and it is not an exact mapping of the circulatory anatomy, it is hard to locate other anatomical positions in the vasculature in
order to carry out extra pressure/flow measurement and provide further useful information for the refinement of the model structure and parameters. Thus with insufficient pressure and flow data as input, more than one set of values for the model
parameters can satisfy the input condition, and it is hard to tell which set of parameter
values is the right one for the model developed. Furthermore, derivation of model
parameters depends on combined frequency domain processing and time domain
multi-variable linear/nonlinear regression analysis. When the model structure is simple
and the number of model elements (i.e., the number of R, L and C components) is
small, the regression analysis is simple and can be linearized sometimes. As the model
becomes more sophisticated with more elements included, usually the regression analysis cannot be linearized. In this situation finding a proper parameter combination for
the model is quite difficult, and the regression analysis often produces poor results
even if converged results can be obtained. The only solution for such a situation is
first to find the reasonable ranges of each parameters, and then assign different value
combinations to the model parameters from the identified reasonable ranges and
observe whether the produced response match the measured pressure/flow data. This
trial and error procedure is repeated until an acceptable value combination of parameters is obtained. This procedure is very time consuming, and the results obtained
are only correct in the sense of mathematical matching, with no guarantee of a robust
physical interpretation.
Different implementations of this procedure have been extensively designed and
applied in the identification of 0D cardiovascular model parameters
[4,18,89,90,92,105-111]. The obtained model parameters and the experimental measurement data were adapted for parameter setting in the 0D simulation models.
Depending on the factors including the difference in model structure and model complexity, different healthy/diseased conditions studied, accuracy of in vivo measurements as input for model identification etc., the model parameters adopted by
different researchers showed enormous difference. As an example of the parameter
ranges, Table 4 shows the parameter values suggested by some researchers for the
simple RC, RCR and RLRC arterial models. For comparison Table 5 illustrates some
experimental data for similar model configurations. The huge variation among the
model parameters shown in these tables represents the inter-group modelling error
among researchers, as well as the inter-patient differences. For more complex vascular
models and cardiac models their parameter settings show even wider scattering (interested readers may refer to the literature list in the above sections for details). It is
necessary to develop more accurate and efficient techniques to optimise the parameter
setting in 0D models.
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Table 4 Some published model data adopted by previous researchers in their human
systemic arterial models
Source

Model

Model parameters

Cavalcanti and
Belardinelli [98]

RCR

Original values:
Rc = 52 dyn · s/cm5, R = 1200 dyn · s/cm5, C = 0.001 cm5/dyn
Converted into physiological units:
Rc = 0.039 mmHg s/ml, R = 0.09 mmHg s/ml, C = 1.333 ml/mmHg

Cole et al. [165]

RC

R = 0.7 mmHg s/ml, C = 3.1 ml/mmHg,

Cole et al. [165]

RCR

Rc = 0.03 mmHg s/ml, R = 0.7 mmHg s/ml, C = 3.1 ml/mmHg

Cole et al. [165]

RLCR1 Rc = 0.028 mmHg s/ml, R = 0.65 mmHg s/ml, C = 2.8 ml/mmHg, L = 0.0018
mmHg/(ml s)

Cole et al. [165]

RLCR2

Rc = 0.045 mmHg s/ml, R = 0.63 mmHg s/ml, C = 2.53 ml/mmHg, L =
0.0054 mmHg/(ml s)

Lerma et al. [166]

RCR

Original values:
Rc = 57 dyn · s/cm5, R = 1332 dyn · s/cm5, C = 0.0007 cm5/dyn
Converted into physiological units:
Rc = 0.043 mmHg s/ml, R = 1 mmHg s/ml, C = 0.9332 ml/mmHg

Segers et al. [167]

RCR

Rc = 0.124 mmHg s/ml, R = 1.28 mmHg s/ml, C = 1.01 ml/mmHg

Applications of 0D models

Research on the 0D modelling of the cardiovascular system has continued for more
than two hundred years since the proposition of the Windkessel concept. 0D models
are widely used in various areas of cardiovascular studies, from basic cardiovascular
physiology research to astronautic medicine and design analysis of cardiovascular artificial organs. To illustrate application of a 0D model, Figure 5(a) to 5(c) presents some
exemplar 0D model simulation results, including the pressure, flow and volume
changes in the systemic circulation of a healthy human subject. The full model details
and the parameter settings can be found in [112]. These simulation results agree well
with those published cardiovascular response such as in [72,75,113,114]. Typical applications of 0D cardiovascular models have been extensively referred to in the previous
section. For comparison they are summarised in Table 6.

1D cardiovascular models
Propagation of the pressure and flow waves in the vessel network is one of the most
intriguing problems in the study of cardiovascular physiology. It is generally believed
that valuable information regarding cardiac function, the elastic properties of the

Table 5 Some published experimental data from previous researchers for human
systemic arterial vasculature models
Source

Model

Values in physiological units

Liu et al. [106]

RC

R = 0.89 ~ 1.99 mmHg· s/ml, C = 0.47 ~ 1.86 ml/mmHg,

Segers et al.
[168]

RLCR2

Rc = 0.035 ~ 0.109 mmHg· s/ml, R = 0.82 ~ 1.15 mmHg· s/ml, C = 0.68 ~ 1.32 ml/
mmHg, L = 0.005 mmHg/(ml·s)

Stergiopulos et
al. [16]

RCR

In vivo measured:
Rc = 0.058 ~ 0.070 mmHg· s/ml, R = 0.63 ~ 0.79 mmHg· s/ml, C = 1.28 ~ 2.48 ml/
mmHg
Data fitted:
Rc = 0.03 ~ 0.033 mmHg· s/ml, R = 0.63 ~ 0.79 mmHg· s/ml, C = 1.75 ~ 5.16 ml/
mmHg

Westerhof et al.
[13]

RCR

Original values:
Rc = 90 g/(cm4 s), R = 1200 g/(cm4 s), C = 8 × 10-4 cm4 s2/g
Converted into physiological units:
Rc = 0.0675 mmHg· s/ml, R = 0.9 mmHg· s/ml, C = 1.067 ml/mmHg
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Figure 5 Sample cardiovascular response in the systemic loop in a healthy human subject
simulated with 0D models. (a) Pressure changes; (b) Flow changes in the two heart valves; (c) Volume
changes in the two left heart chambers.

vessels, and the patho-physiological conditions of the important organs (brain, liver,
kidney etc.) is encoded in these two waveforms and their relationship. Thus pulse wave
studies have received extensive attention in cardiovascular research [86].
It can be argued that a model consisting of a series of 0D compartments is, in the
limit, a representation of a 1D system, and indeed Milisic and Quarteroni [26] have
offered a formal proof that 0D models for the vessel network can be regarded as first
order discretisations of one dimensional linear systems. As discussed earlier, such
models are readily interpreted in terms of electrical analogues. In practice the biggest
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Application

Model feature

Examples

Analysis of the systemic arterial flow
characteristics

Only the arterial network is modelled

Characteristics of the three- and four-element Windkessel models
[13,15,16,43,114,167,169,170];
Advantages and disadvantages of using the three element RCR model as aortic input
impedance [14];
Comparison of different configurations of three element and four element models as the
embryonic aortic impedance [110];
Investigation of aortic input impedance in infants and children by curve fitting to two,
three and four element Windkessel models [17];
Study of the linear and nonlinear formulations of the three element Windkessel model
by considering the pressure-dependent capacitance effect in the arterial network
[89,90,92];
Two port analysis to extend the Windkessel models by considering the venous side flow
pulsations in the systemic loop [19,20];
Ventricular-systemic arterial coupling [171].

Hemodynamic response in the native
Complete description of the native cardiovascular system
cardiovascular system under various healthy and
diseased conditions

Hemodynamic changes under various surgical
and therapeutical interventions.

The native cardiovascular system was partly changed.
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Table 6 Typical applications of 0D model

Cardiovascular response in normal healthy subjects [31];
Study of the ventricular interaction effect [32].
Modelling the dysfunction in regional stunned myocardium of the left ventricular [69];
Modelling of cardiac muscles in the study of mechanics and energetics of fibrillating
ventricle [49];
Study of changes in pulmonary venous pressure after the onset of left ventricular
dysfunction [30].
Circulation dynamics in the presence of the bidirectional cavopulmonary anastomosis in
children with a uni-ventricular heart [50];
Rest and exercise hemodynamics in patients with total cavopulmonary connection [172];
Modelling the hemodynamic characteristics in patients with hypoplastic left heart
syndrome after the palliative Norwood operation [51];
Study of the cardiovascular response in patients with right ventricular bypass and univentricular circulation support [173];
Modelled the cardiovascular control adaptations in chronic renal failure patients [166];
Modelling of the hemodynamic response to hemodialysis induced hypovolemia [54].
Modelling of the cardio-pulmonary response under step-leap respiration exercise for the
treatment of patients with Cor Pulmonale [84].
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Ventricular assist device support for heart failure

The native cardiovascular system was in heart failure
condition, and a VAD model is coupled.

Studies of cardiovascular response in the heart failure condition supported with various
types of VADs [70,85,99,174-178];
Studies of cardiovascular response in the heart failure condition supported with intraaortic balloon pumps [48];
Comparison of the assistance action of different types of VAD and VAD motion profiles
[179];
Study of the effect of the inlet and outlet cannulation sites for connecting the VADs to
the native cardiovascular system [180];
Study of the physiological control of pulsatility gradient in rotary blood pump [33,181].

Study of cardiovascular response under neuroregulation

The native cardiovascular system was coupled with the
models for the nervous system

Simulate the cardiovascular responses under neuro-regulation in various conditions of
isocapnic hypoxia [41,76], hemorrhage [40], hypercapnia and hypocapnic hypoxia [77],
carotid occlusion [27];
Simulation of cardiopulmonary response in Valsalva manoeuvre [35];
Simulation of circulation system response to acceleration stress [78];
Simulation of the cardiovascular response to orthostatic stress [22].

Study of special and local circulation loops in
the cardiovascular system.

Only the local circulation loop was modelled, and arterial
pressure or flow-rate was applied as upstream boundary
condition.

Simulation of human foetal cardiovascular system [23];
Studies of cerebral auto-regulation effect [100,103], cerebral vasospasm [80], acute brain
damage [102], and cerebral hemodynamics during arterial and CO2 pressure change
[101];
Modelling of coronary local circulation loop [104];
Study of dependence of intra-myocardial pressure and coronary flow on ventricular
loading and contractility [52,93];
Study of venous valves in pressure shielding in the lower extremity [87];
Simulation of venous circulation in lower extremities [37].

As boundary condition in multi-scale simulation
of cardiovascular dynamics

The 0D circulation system model was coupled with the
distributed parameter models (1D, 2D or 3D).

Multi-scale simulation of the cardiovascular dynamics [147,151,153,159,160].
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Table 6 Typical applications of 0D model (Continued)

Page 23 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

difference between multiple linear 0D compartment models and published 1D models
is that the latter tend to include the (nonlinear) convective acceleration term whereas
the former cannot.
2D and 3D computational fluid dynamics models can reveal the detailed pressure
and velocity distribution in a certain segment of the vessel network, but the relatively
great demands on computational resource has naturally limited the extent of the
domain that is studied. For this situation 1D modelling can offer greater advantages in
revealing the pressure and flow changes along the full length of the vessel studied.
Canic and Kim [115] have studied in detail the characteristics of the axisymmetric
form of the Navier-Stokes equations. They demonstrate that, providing the radius of
the vessel is small relative to a characteristic wavelength, the radial momentum equation dictates that the pressure is constant over any cross-section and that, on integrating the axial momentum equation over the cross-sectional area of the vessel, the radial
velocity terms are subsumed into an area term. Since this assumption is valid for practical vascular flows, the resulting 1D models, often formulated with flow, pressure and
area as the fundamental variables, are considered appropriate for these systems.
Many 1D models for the vessel network have been developed in the past for the
study of pulse wave transmission in various applications [116-133]. Generally the
model derivation was similar. The differences among these models were mostly in the
boundary conditions applied and the solution methods used, and whether and which
nonlinear effects were considered for the different applications.
1D model derivations

1D pulse wave transmission study in the vessel network is a specific form of fluid-solid
interaction. The motion of the blood is governed by the 1D (axisymmetric) form of the
incompressible continuity and Navier-Stokes equations, and that of the vessel wall
(whether elastic or visco-elastic) is governed by the equations of equilibrium. Most
researchers use simple linear or nonlinear constitutive equations to describe the pressure/cross-sectional area relationship [94,116-131,133,134], although more complex
models are available [132].
There are several (and some nonlinear) complications in the study of 1D pulse wave
propagation, including the tapering of the vessel (causing further variations in convective acceleration), vessel branching, nonlinear pressure/cross-sectional area relationships for the vessel wall, axial tension and bending in the vessel wall, collapse of veins
and pulmonary vessels, etc. In deriving the governing equations, most researchers have
considered the nonlinear pressure/cross-sectional area relation of the vessel wall by
incorporating individually adapted constitutive relations. Brook and Pedly [128], Porental et al. [118], Formaggia et al. [129], Rooz et al. [117], Sherwin et al. [126,134] also
included the effect of vessel tapering by considering a varying initial cross-sectional
area of the vessel. Vessel collapse was specifically modelled by Brook and Pedley [128],
Li and Cheng [121], and Elad et al. [120], by adapting the vessel property and considering the extra-luminal pressure changes for the calculation of collapsed vessel area. Vessel branching as a special boundary condition for segments of vessels is discussed in
following sections. Axial tension and bending of the vessel wall have been studied in
2D and 3D cases (e.g. [135]): currently there is no effective implementation in 1D
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pulse wave studies, although of course axial tethering in a linear system is simply
represented by a change in the modulus of the vessel wall.
Solution methods

The derived governing equations for the 1D pulse wave propagation are a group of
hyperbolic equations, and the pulse wave dynamics is determined by the two Riemann
invariants [136] (also called the characteristics variables, equal to the blood pressure
plus/minus the multiplication of the flow and the characteristic impedance, where the
characteristic impedance has the same meaning as the characteristic resistance introduced in previous sections for 0D models) of the system. To solve the governing equations, Steeter et al. [124], Bodley [125], Parker and Joans [116], Wang and Parker [130]
and Wang et al. [131] applied the method of characteristics, in which the continuity
and momentum equations from the partial differential equations are transformed into
ordinary differential equations along the directions of the characteristic lines corresponding to the two Riemann invariants, after which they are readily solved. The governing equations have also been solved using finite difference methods
[94,120,121,132,133]. For example, Li and Cheng [121] and Smith et al. [94] discretised
the governing equations using the Lax-Wendroff scheme, Elad et al. [120] applied both
Lax-Wendroff and MacCormack schemes. In recent years finite volume method and
finite element methods have also been applied. Brook and Pedley [128] and Brook et
al. [123] used a Godunov scheme to discretise the governing equations in a finite
volume formulation. For the finite element formulation, Formaggia et al. [129] adopted
the Yoshida projection scheme for the solution of the equations; Wan et al. [127] used
a discontinuous Galerkin scheme; Porenta et al. [118] and Rooz et al. [117] applied a
Galerkin scheme; and Sherwin et al. [126] solved the equations both with a discontinuous Galerkin scheme and with a Taylor-Galerkin scheme. A small number of researchers have also used spectral method for the solution of pulse wave equations, e.g.
Bessems et al. [137] have applied a Galerkin weighted residual method to transform
the governing equations into a spectral element space. Sherwin et al. [134] applied the
spectral/hp element method.
Boundary conditions

The governing equations for the 1D pulse wave transmission are hyperbolic in nature,
and in the majority of physiological conditions the blood flow is subcritical, and one
boundary condition has to be imposed to each end of the vessel [86]. At the upstream
side of the vessel, the pressure or flow-rate can be applied based on theoretical derivations or experimental data. For the downstream side, the boundary condition requires
more consideration. Most pulse wave transmission studies investigate the blood flow in
the arterial network. In physiological conditions, arteries are branched and connected to
smaller arterioles, and such branching may continue for many generations. It is impossible to trace all the vessel branching in the simulation and the model must be terminated
at some point, depending on the specific aim of the study. Further vessel branches have
to be lumped into a suitable terminal description, so that the wave propagation and vessel resistance characteristics of these smaller arterioles can be reasonably represented.
Many researchers have adopted the simplest approach of directly specifying some
permissible combination of the pressure and flow-rate at the inlet and outlet
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boundaries of the vessel [116,120,121,124,125,127,128]. For more realistic downstream
conditions, some researchers used constant [117,130] or varying resistance [127], or a
three-element Windkessel (RCR model) [118,132,133], to specify the pressure/flow
relation at the outlet. Some researchers have chosen to specify the wave reflection
coefficient at the outlet as a direct description of a wave propagation feature
[119,126,130], or used the non-reflecting boundary condition and compatibility condition [138]. Generally, using a Windkessel as an after-load or directly specifying the
wave reflection coefficient have become the most popular downstream conditions in
more recent studies. To further improve the accuracy of the downstream boundary
condition, Olufsen [122] proposed the structured tree model in which the impedance
of smaller arterioles was estimated with linearised Navier-Stokes equations. It was
claimed that structured tree model improved the simulation results, but no further
validation has yet been published. Smith et al. [94] studied the blood flow in coronary
network, and a pressure-dependent vessel network for the coronary arteriole, capillary
and venules was used as terminal load to each of the sixth generations of coronary
artery branches.
A special kind of boundary condition internal to a vessel segment is that of vessel
branching, in which a parent vessel is branched into several daughter vessels. Many
researchers directly applied equal static pressures and conservation of flow-rates at the
branching points [118,122,127]. An improved description (at least satisfying Bernoulli’s
equation for the steady state) was adopted by Sherwin et al. [126], who applied continuity of total pressure rather than static pressure. To account for the wave reflection
at the branching point, Reymond et al. [133] and Wang and Parker [130] used wave
reflection coefficients for the calculation of pressure and flow-rate changes. Smith et al.
[94] considered the conservation of momentum at vessel bifurcations by calculating the
equilibrium of pressure difference and inertial force.
Another special kind of internal boundary condition for vessel segments is the sudden change of vessel property due to vessel branching, pathological changes, or
implantation of prosthetic devices. Rooz et al. [117] and Porenta et al. [118] applied
specified pressure drop and continuity of flow-rate in modelling stenotic vessel segment connected with normal vessel. Sherwin et al. [126,134] assumed continuity of
flow-rate and total pressure across the interface for the modelling of discontinuous
vessel properties. Surovtsova [119] considered the wave reflection at the interface of
normal vessels and aortic prosthesis.
Applications of 1D models

Traditionally the 1D pulse wave transmission models have mostly been applied to
study the pulse wave transmission dynamics in arterial segments. The early works of
Bodley [125], Streeter et al. [124], Parker and Joans [116] were all of this class. Wang
et al. [131], and Wang and Parker [130] later extended the study to investigate the
pulse wave dynamics in the various vessel segments in a complete arterial network of
the whole human body, including ventricular-arterial coupling. Li and Cheng [121] studied the pulse wave features in the pulmonary arterial network. Porenta et al. [118]
and Rooz et al. [117] have studied the pulse wave features in arteries with stenosis.
Wan et al. [127] and Steele et al. [139] calculated the pulse wave dynamics in diseased
arterial vessels with bypass grafts. Surovtsova [119], Sherwin et al. [126], and Pontrelli
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and Rossoni [132] studied the pulse wave transmission in stenotic arteries with
implanted stents. Reymond et al. [133] modelled the pulse wave propagation in a
detailed systemic arterial tree.
Some researchers have studied the pulse wave transmission in collapsible vessels.
Elad et al. [120] studied the unsteady fluid flow through collapsible tubes. Brook et al.
[128,123] modelled the blood flow in giraffe jugular veins. In such conditions the flow
was believed to be supercritical and produced the flow feature of “roll-waves”, which
was quite different from characteristics of the arterial pulse wave transmission.
Another development in 1D pulse wave transmission modelling is the wave intensity
analysis proposed by Park and Joans [116], in which the authors defined the product of
pressure and velocity changes over a small interval as the evaluation of rate of energy
flux per unit area in a profile of vessel segment. This indicator accurately describes the
wave intensity accompanying the pulse wave transmission, and can be used to distinguish the forward transmission wave from the backward transmission wave. The wave
intensity analysis has been rigorously applied for the study of pulse wave transmission
in the left ventricle [140,141], coronary vessels [142], and systemic arteries [143] and
pulmonary arteries [144,145]. However, it is necessary to establish the validity of 1D
modelling in such applications before proceeding with the analysis: if the flow is not
axially dominated and the secondary flow in the radial and circumferential directions is
not negligible, then the credibility of carrying 1D study in such applications will be
enormously compromised.

Multi-scale modelling
The cardiovascular system is a closed network, and there are strong interactions
between its components. Emphasis on either only the global circulation dynamics or
only the local flow features can provide only partial information of the whole cardiovascular response. In recent years there have been rapid developments in the application of multi-scale modelling techniques, in which 0D models are coupled with 1D, 2D
and/or 3D models to form complete representations of the cardiovascular system.
Typically now local haemodynamics is computed in an anatomically realistic detailed
3D model of the organ or region of interest, and boundary conditions for this domain
are provided by coupled or uncoupled 0D or 1D system models. Quarteroni [146]
reviewed the development of cardiovascular system modelling, and gave a basic introduction of the concept of multi-scale modelling. In the multi-scale modelling
approaches, the different scales of models have different mathematical characteristics.
The 0D lumped parameter models are governed by groups of ordinary differential
equations; the 1D distributed parameter models can be described by hyperbolic partial
differential equations; the 2D and 3D models are mostly based on the Navier-Stokes
equations, which are strongly non-linear partial differential equations whose behaviour
may be parabolic, hyperbolic or elliptic, depending on the nature of the specific problems studied. In the solution of multi-scale problems, generally the single scale models are still calculated as they were in the independent studies, whilst at the interfaces
special care is required in the handling of the boundary conditions to ensure that the
problem is well-posed in the mathematical sense. Because the blood flow in most physiological/pathological conditions is subcritical, one boundary condition needs to be set
for each side of every multi-scale model considered. For the 0D model usually the

Page 27 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

pressure or flow-rate boundary conditions can be directly applied. For the 1D, 2D or
3D distributed parameter models, the boundary conditions can be either prescribed
values for variables in the governing equations, or prescribed values for the derivatives
of variables, or prescribed values for the linear combination of variables and their derivatives. The 0D and 1D models use pressure and velocity (or flow rate) as basic variables, spatially averaged (or integrated) over the transverse plane (as discussed earlier,
uniform pressure on a cross-section is a consequence of the radial momentum equation, whilst the velocity distribution in the nonlinear convective term can be represented by a correction coefficient [115]). The 2D and 3D models often utilise pressure
and velocity as primitive variables.
A multi-scale model description will include a strategy for the coupling of the single
scale components, and many such strategies are possible. Pontrelli [147] coupled a 1D
arterial pulse wave transmission model to two 0D compartment models representing
the components upstream and downstream of the 1D section. The upstream 0D model
provided the inlet flow-rate and the downstream 0D model the outlet pressure as
boundary conditions for the 1D model, whilst the 1D model returned upstream pressure and downstream flow-rate as boundary conditions for the appropriate 0D models.
In a similar study, Formaggia et al. [148] embedded a 1D descending aorta model in a
0D systemic loop. In the study the converse of the above coupling strategy was applied.
An additional issue that arises when coupling to 2D or 3D models is that of dealing
with the problem of defective boundary conditions: the lack of distribution information
makes the flow-rate description in 0D/1D models insufficient to be applied as boundary conditions for 2D/3D models. Possible solutions include mapping of flow-rates
from 0D/1D models to a velocity distribution based on Womersley’s solutions
[149,150] for transient flows in a long tube. Watanabe et al. [151] carried out multiscale simulation of left ventricular filling dynamics, in which a 3D ventricular blood
flow model was integrated with a 0D model for the other parts of the circulation system. The 0D model provided the pressure as boundary conditions for the 3D model,
and the 3D model specified the flow rate changes for the 0D model. Vigono-Clementel
et al. [152] applied 0D vessel network as terminal loads to a complex 3D arterial
branching model. The 0D model provided the resistance/impedance value as boundary
conditions to the 3D arterial model by supplying the pressure-flow rate relation at the
model interfaces. At the model interfaces, the outlet velocity profile for the 3D model
was represented as Poiseuille flow for the resistance boundary condition, and as
Womersley’s linear wave solution for the impedance boundary condition. In assessing
two different operation techniques on the postoperative haemodynamics in the treatment of hypoplastic left heart syndrome, Migliavacca et al. [153] embedded a 3D
model of a systemic to pulmonary conduit in a 0D multiple branched circulation system model. In the upstream interface for the 3D model, total pressure (static pressure
plus the kinetic head) calculated from the 0D model was applied as the boundary condition, and the inlet velocity was assumed to be normal to the boundary, whereas at
the downstream interface the static pressure from the 0D model was specified as the
boundary condition. In an analysis of blood flow in compliant vessels, Formaggia et al.
[129] coupled a 1D model to the 3D model to reduce the computational complexity
and to remove the effect of the outgoing pressure waves. To derive the missing information of variable distributions at the model interface, they proposed the usage of two
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approaches to find the admissible pressure or velocity distribution: a variational
approach and a Lagrange multiplier approach. In other studies, Formaggia et al.
[25,154] further elaborated the two approaches and suggested that for transient flow
problems, the Womersley profile is an admissible flow distribution. Vigono-Clementel
et al. [152] adopted this treatment of the model interfaces.

Conclusions and Recommendations
This review examines published 0D and 1D time domain cardiovascular models, and
provides an overview of their development and applications, as well as their emerging
role in multi-scale modelling. Configurations of the 0D models are becoming ever
more sophisticated and advanced, and the various developed models have seen wide
and successful applications in the study of cardiovascular physiology, evaluation of new
artificial cardiovascular devices, aeronautic medicine and more. 1D models were mostly
confined to the study of arterial haemodynamics, where their ability to capture wave
transmission effects is important, with some minor extensions to venous dynamics. 1D
models have been successfully applied in the context of clinical diagnosis of pathological changes in the cardiovascular system (such as hypertension, atherosclerosis), and in
the context of stent design.
Models are developed to achieve specific research purposes in each individual studies, thus the complexity of the models should fit the purposes of the studies. An
over-simplified model will produce inadequate accuracy in the study. However, this
does not mean that more complex model will always produce more accurate results.
For example, if the purpose of the study is to evaluate the short term assist action of a
ventricular assist device on the failing heart, and the neuro-regulation effect does not
need to be considered, then a single branch multiple-compartment model for the systemic vasculature, in which the vascular is divided into the aorta, artery, arteriole,
capillary and vein segments, is sufficient to work as the after-load to the assisted heart.
It is not necessary to model every artery and venous branches in this situation, since
in an overly detailed vessel branch model the parameter setting becomes quite difficult.
However, if the purpose of the study is to simulate the acceleration stress in flight
training, then it is quite necessary to model the vessel branch for the lower extremity
separately in order to include the effect of blood pooling, besides specifically coupling
the neuro-regulation action in the cardiovascular model. There is no universally optimal model that suits every application. Researchers must decide what level of model
sophistication is most suitable in their specific studies.
Since 0D model is a high level abstraction of the circulatory system and one model
component often represents several complex anatomical structures, proper setting of
model parameters is an important issue to be seriously addressed. As discussed in previous sections, this is still an area not sufficiently explored, with inconsistent model
parameters being adopted among different researchers. Further effort in this direction
is very necessary before a cardiovascular model can be considered as fully validated.
Previous studies have suggested a number of cardiovascular effects that need to be
specially addressed in the 0D cardiovascular modelling, including ventricular interaction, effect of pericardial, atrial-ventricular interaction, auto-regulation in some local
circulation loops, auxiliary pumping action to blood flow caused by peripheral muscle
contraction, venous valve in some vessels such as in the lower extremity etc. Although

Page 29 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

intuitively correct, until now these effects have undergone very limited validations, due
to the difficulty in isolating each of these effects from the overall cardiovascular
response (which is often a coupled interaction among the different organs) as well as
the restrictions in in vivo measurements. In the future effort should be made to further
quantify the relative importance of each of these effects in the overall cardiovascular
response, and to further study their underlying mechanism as well as to find proper
parameter settings in their modelling.
The circulatory system does not work in isolation. It has close interaction with other
systems such as the nervous system, respiratory system, and digestive system. Study of
their coupled reactions, such as cardiovascular response under neuro-regulation and
hormone control, coupled cardio-pulmonary response, simulation of coupled circulatory dynamics and transportation of nutrients/metabolic remaining, will bring the 0D
cardiovascular modelling to a higher level, and such results will enormously improve
our quantitative understanding of human physiology. Examples of models that address
these complex interactions are those by [40,84]. Further effort should be continued
and this is a field with very promising prospects.
0D cardiovascular models, especially the more complex ones, were often developed
for research purposes. So far only concepts of vascular impedance and pulse wave velocity are widely used to assist clinical diagnosis and treatment, and few integrated 0D
model comprising the complete description of heart and vessels have seen use in clinical practice. With the success of 0D models in simulating cardiovascular dynamics
under various physiological and pathological conditions, as discussed in previous sections, it is time to work with the clinical community to personalise the 0D integrated
models to achieve patient-specific modelling, and this will bring innovations to the cardiovascular clinical practice. To minimise the difficulty in parameter setting, models for
patient-specific analysis may have reduced complexity as compared to those for
research purposes.
The majority of current 1D cardiovascular models assume a uniform vessel property.
Although the non-linear effects, such as the vessel tapering and curvature, visco-elastic
property and the inertia of the vessel etc., have been analysed previously [125], these
were not universally considered in the 1D models. With sufficient experience gained
during the past decades on the 1D modelling using uniform vessel property, it is time
to seriously consider these non-linear effects in the future 1D modelling.
The majority of researchers neglected the inertial of the vessel wall in the 1D cardiovascular modelling. There are a small number of researchers [155-158] who specifically
included this factor in their 1D model derivation, and thus arrived at a wave dynamics
equation in the form of the Korteweg-de Vries equation, and the corresponding wave
dynamics is governed by a special kind of wave called solitary wave. It was claimed
that the solitary wave is a better description of the arterial pulse wave since it matches
the experimental results better than the hyperbolic wave equation that is currently
used by the majority of researchers. This seems to be an interesting area that deserves
more exploration.
Some researchers have developed sophisticated 1D models for the arterial tree
[133,159], covering those major arterial branches in the vessel anatomy. By assigning
realistic diameter, length, thickness and elasticity values to the individual vessel segments and blood density values, physiologically realistic pulse wave transmission
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characteristics have been successfully simulated in the model. Such models and results
will be useful to assist the parameter setting in 0D models. Future effort may be made
in this area for the development of valid techniques to improve the parameter settings
in 0D modelling.
With the development of computer hardware and numerical analysis techniques,
higher dimensional haemodynamic analysis (2D and 3D) using computational fluid
dynamics is no longer a prohibitive task. Thus to address the requirement of high
accuracy and ability to simulate the interaction among cardiovascular organs concurrently, it is possible and necessary to couple the 0D models and the 1D/2D/3D models
to build multi-dimensional models. Some successful attempts have been made in this
direction [129,160,161]. Also some modelling methodologies in this area have been
patented or are under patent application [162,163]. However, treatment of domain
boundaries among the different dimensional models within an overall framework still
needs further improvement. This includes not only the matching of mean pressure/
flow values and their distribution information on the domain interfaces, but also the
correct wave reflection description. Breakthroughs to be made on this issue will be
enormously helpful to the improvement of simulation accuracy. This issue is one of
the research topics in the EU funded euHeart project [164].
As a conclusion of the paper, the authors’ group has developed a series of 0D cardiovascular models with different complexities, which can be used for education purposes
as well as used as a foundation for developing more advanced models. These models
have been represented in the CellML mark-up language, and are freely available for
download by the research community from the CellML model repository [112]. Using
an accompanying tool called OpenCell in the CellML website, the models can also be
export into subroutines in C, Python, Matlab and some other mainstream programming languages, and used in undergraduate teaching. Figure 6 shows the screen snapshot of one of these CellML models running in the OpenCell environment, simulating
the circulatory response in a healthy human subject. The right panel of the figure illustrates the pressure, flow and volume changes simulated.

Glossary
Acceleration stress: Physiological changes that occur in the human body in motion as a
result of rapid increase of speed. Rapid acceleration and surges in acceleration are felt
more critically than are gradual shifts. Pilots are especially subject to the effects of
acceleration because of the high speeds at which they travel. Acceleration forces are
measured in units of gravitational acceleration, or g. A force of 3 g, for example, is
equivalent to an acceleration three times that of a body falling near Earth.
After-load: The pressure, or resistance, against which the left ventricle must eject its
volume of blood during contraction. The resistance is produced by the volume of
blood already in the vascular system and by the constriction of the vessel walls.
Whether the after-load means the pressure or the resistance depends on the context it
is used.
Elastance: An expression of the measure of the ability to do so in terms of unit of
volume change per unit of pressure change.
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Figure 6 Screen capture of a 0D cardiovascular model running in the OpenCell environment,
simulating the circulatory response in a healthy human subject.

Frank-Starling effect: The effect that the heart changes its force of contraction and
therefore stroke volume in response to changes in venous return. It is also called the
Frank-Starling mechanism.
Guyton’s model: a very comprehensive cardiovascular model which include not only
the haemodynamic description for vessel branches, but also the regulation model for
the autonomous and the hormone systems. (Guyton, A. C., Coleman, T. G. & Granger,
H. J. 1972 Circulation: overall regulation. Annu Rev Physiol 34, 13-46.)
Laplace law: A principle of physics that the tension on the wall of a sphere or cylinder is the product of the pressure times the radius of the chamber and the tension is
inversely related to the thickness of the wall.
Multi-scale model: a model that includes different dimensions of descriptions for different parts of the model. For sample models please refer to (Formaggia, L., Nobile, F.,
Quarteroni, A. & Veneziani, A. 1999 Multiscale modelling of the circulatory system: a
preliminary analysis. Computing and Visualization in Science 2, 75-83.).
Orthostatic stress: Means the increased stress developed in the circulatory system
during upright standing while relieved by recumbency. This is often observed as variations in blood flow and blood pressure regulation. Standing successfully requires interplay of blood volume, physical, neurologic, hormonal, and vascular factors which
compensate for the effects of gravity on venous pooling. Patients with orthostatic intolerance have compensatory dysfunction in these factors and thus demonstrate symptoms of lightheadedness, headache, fatigue, neurocognitive disorders, visual
disturbances (black/white/spots), hyperpnea/dyspnea, tremulousness, sweating, anxiety/
palpitations during upright standing.
Pulmonary loop: the vessels that formed the pulmonary circulation, including pulmonary arteries, pulmonary arterioles, pulmonary capillaries, pulmonary venules, and
pulmonary veins.
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Stroke volume: The volume of blood pumped from one ventricle of the heart with
each beat.
Stroke work: the work done by the ventricle to eject a volume of blood (i.e., stroke
volume) into the aorta.
Systemic circulation: the part of the cardiovascular system which carries oxygenated
blood away from the heart to the body, and returns deoxygenated blood back to the
heart.
Systemic loop: the vessels that formed the systemic circulation, including aorta, systemic arteries, systemic arterioles, systemic capillaries, venules, veins, and vena cava.
Subcritical flow: A flow condition in which the flow velocity is smaller than the wave
velocity.
Supercritical flow: A flow condition in which the flow velocity is larger than the wave
velocity.
Vascular impedance: Defined as the ratio of pressure to flow at a specific position of
the blood vessel, which is a measure of the impediment offered to blood flow at the
defined position by the downstream vasculature. Vascular impedance is a combined
effect produced by the friction to blood flow, vessel elasticity, and the blood inertia in
the downstream vasculature.
Acknowledgements
The authors acknowledge the financial support of the European Commission’s Framework 7 program under Grant No.
FP7-ICT-2007- 224495 (euHeart: Personalised & Integrated Cardiac Care: Patient-specific Cardiovascular Modelling and
Simulation for in Silico Disease Understanding & Management and for Medical Device Evaluation & Optimization).
Authors’ contributions
YS drafted the paper. RH revised the paper and gave final approval of the version to be published. PL revised the
paper. All authors read and approved the final manuscript.
Competing interests
The authors declare that they have no competing interests.
Received: 20 July 2010 Accepted: 26 April 2011 Published: 26 April 2011
References
1. Levick JR: An introduction to cardiovascular physiology. 4 edition. Arnold; 2003.
2. Nichols WW, O.’Rourke MF: McDonald’s Blood Flow in Arteries:Theoretical, Experimental and Clinical Principles , Third 1990.
3. Burattini R, Natalucci S: Complex and frequency-dependent compliance of viscoelastic windkessel resolves
contradictions in elastic windkessels. Med Eng Phys 1998, 20:502-514.
4. Quick CM, Berger DS, Noordergraaf A: Apparent arterial compliance. Am J Physiol 1998, 274:H1393-1403.
5. Burattini R, Campbell KB: Physiological relevance of uniform elastic tube-models to infer descending aortic wave
reflection: a problem of identifiability. Ann Biomed Eng 2000, 28:512-523.
6. John LR: Forward electrical transmission line model of the human arterial system. Med Biol Eng Comput 2004,
42:312-321.
7. Quick CM, Berger DS, Stewart RH, Laine GA, Hartley CJ, Noordergraaf A: Resolving the hemodynamic inverse problem.
IEEE Trans Biomed Eng 2006, 53:361-368.
8. Steinman DA: Image-based computational fluid dynamics modeling in realistic arterial geometries. Ann Biomed Eng
2002, 30:483-497.
9. Steinman DA, Taylor CA: Flow imaging and computing: large artery hemodynamics. Ann Biomed Eng 2005,
33:1704-1709.
10. Guyton AC, Coleman TG, Granger HJ: Circulation: overall regulation. Annu Rev Physiol 1972, 34:13-46.
11. Li JK-J: The arterial circulation: Physical principles and clinical applications Humana Press Inc; 2000.
12. Landes G: Einige untersuchungen an elektrischen analogieschaltungen zum kreitslaufsystem. Z Biol 1943,
101:418-429.
13. Westerhof N, Elzinga G, Sipkema P: An artificial arterial system for pumping hearts. J Appl Physiol 1971, 31:776-781.
14. Burkhoff D, Alexander J Jr, Schipke J: Assessment of Windkessel as a model of aortic input impedance. Am J Physiol
1988, 255:H742-753.
15. Jager GN, Westerhof N, Noordergraaf A: Oscillatory Flow Impedance in Electrical Analog of Arterial System:
Representation of Sleeve Effect and Non-Newtonian Properties of Blood. Circ Res 1965, 16:121-133.
16. Stergiopulos N, Westerhof BE, Westerhof N: Total arterial inertance as the fourth element of the windkessel model.
Am J Physiol 1999, 276:H81-88.

Page 33 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

17. Sharp MK, Pantalos GM, Minich L, Tani LY, McGough EC, Hawkins JA: Aortic input impedance in infants and children.
J Appl Physiol 2000, 88:2227-2239.
18. Deswysen B, Charlier AA, Gevers M: Quantitative evaluation of the systemic arterial bed by parameter estimation of
a simple model. Med Biol Eng Comput 1980, 18:153-166.
19. Rose WC, Shoukas AA: Two-port analysis of systemic venous and arterial impedances. Am J Physiol 1993, 265:
H1577-1587.
20. Frasch HF, Kresh JY, Noordergraaf A: Two-port analysis of microcirculation: an extension of windkessel. Am J Physiol
1996, 270:H376-385.
21. Thomas JD, Zhou J, Greenberg N, Bibawy G, McCarthy PM, van der Voort PM: Physical and Physiological
Determinants of Pulmonary Venous Flow: Numerical Analysis. American Journal of Physiology(Heart Circ Physiol) 1997,
272:H2453-H2465.
22. Heldt T, Shim EB, Kamm RD, Mark RG: Computational Modeling of Cardiovascular Response to Orthostatic Stress.
Journal of Appllied Physiology 2002, 92:1239-1254.
23. Pennati G, Bellotti M, Fumerco R: Mathematical Modelling of the Human Foetal Cardiovascular System Based on
Doppler Ultrasound Data. Medical Engineering & Physics 1997, 19:327-335.
24. Peterson K, Ozawa ET, Pantalos GM, Sharp MK: Numerical simulation of the influence of gravity and posture on
cardiac performance. Ann Biomed Eng 2002, 30:247-259.
25. Formaggia L, Veneziani A: Reduced and multiscale models for the human cardiovascular system. Politecnico di
Milano; 2003.
26. Milisic V, Quarteroni A: Analysis of lumped parameter models for blood flow simulations and their relation with 1D
models. ESAIM-Mathematical Modelling and Numerical Anslysis 2004, 38:613-632.
27. Ursino M, Fiorenzi A, Belardinelli E: The Role of Pressure Pulsatility in the Carotid Baroreflex Control: A Computer
Simulation Study. Computers in Biology and Medicine 1996, 26:297-314.
28. Ursino M: A Mathematical Model of the Carotid Baroregulation in Pulsating Conditions. IEEE Transactions on
Biomedical Engineering 1999, 46:382-392.
29. Beyar R, Hausknecht MJ, Halperin HR, Yin FC, Weisfeldt ML: Interaction between cardiac chambers and thoracic
pressure in intact circulation. Am J Physiol 1987, 253:H1240-1252.
30. Burkhoff D, Typerg JV: Why Does Pulmonary Venous Pressure Rise after Onset of LV Dysfunction: a Theoretical
Analysis. American Journal of Physiology(Heart Circ Physiol) 1993, 265:H1819-H1828.
31. Zacek M, Krause E: Numerical simulation of the blood flow in the human cardiovascular system. J Biomech 1996,
29:13-20.
32. Santamore WP, Burkhoff D: Hemodynamic Consequences of Ventricular Interaction as Assessed by Model Analysis.
American Journal of Physiology(Heart Circ Physiol) 1991, 260:H146-H157.
33. Shi Y, Lawford PV, Hose DR: Numerical modeling of hemodynamics with pulsatile impeller pump support. Ann
Biomed Eng 2010, 38:2621-2634.
34. Chen S, Zhang S, Gong Y, Dai K, Sui M, Yu Y, Ning G: The role of the autonomic nervous system in hypertension: a
bond graph model study. Physiol Meas 2008, 29:473-495.
35. Lu K, Clark JWJ, GhorBel FH, Ware DL, Bidani A: A Human Cardiopulmonary System Model Applied to the Analysis of
the Valsalva Maneuver. American Journal of Physiology(Heart Circ Physiol) 2001, 281:H2661-H2679.
36. Olansen JB, Clark JW, Khoury D, Ghorbel F, Bidani A: A Closed-loop Model of the Canina Cardiovascular System that
Includes Ventricular Interaction. Computer and Biomedical Research 2000, 33:260-295.
37. Snyder MF, Rideout VC: Computer simulation studies of the venous circulation. IEEE Trans Biomed Eng 1969,
16:325-334.
38. Sun Y, Beshara M, Lucariello RJ, Chiaramida~Salvatore A: A Comparehensive Model for Right-left Heart Interaction
under the Influence of Pericardium and Baroreflex. American Journal of Physiology(Heart Circ Physiol) 1997, 272:
H1499-H1515.
39. Ursino M, Magosso E: Role of Short-term Cardiovascular Regulation in Heart Period Variability: A Model Study.
American Journal of Physiology(Heart Circ Physiol) 2003, 284:H1479-H1493.
40. Ursino M: Interaction between Carotid Baroregulation and the Pulsating Heart: A Mathematical Model. American
Journal of Physiology(Heart Circ Physiol) 1998, 275:H1733-H1747.
41. Ursino M, Magosso E: Acute Cardiovascular Response to Isocapnic Hypoxia. I. A Mathematical Model. American
Journal of Physiology(Heart Circ Physiol) 2000, 279:H149-H156.
42. Werner J, Bohringer D, Hexamer M: Simulation and Prediction of Cardiotherapeutical Phenomena from a Pulsatile
Model Coupled to the Guyton Circulation Model. IEEE Transaction on Biomedical Engineering 2002, 49:430-439.
43. Noordergraaf A, Verdouw D, Boom HB: The use of an analog computer in a circulation model. Prog Cardiovasc Dis
1963, 5:419-439.
44. O’Rourke MF, Avolio AP: Pulsatile flow and pressure in human systemic arteries. Studies in man and in a
multibranched model of the human systemic arterial tree. Circ Res 1980, 46:363-372.
45. Avolio AP: Multi-branched model of the human arterial system. Med Biol Eng Comput 1980, 18:709-718.
46. Leefe SE, Gentle CR: A Review of the in vitro Evaluation of Conduit-mounted Cardiac Valve Prosthesis. Medical
Engineering & Physis 1995, 17:497-506.
47. Suga H, Sagawa K, Shoukas AA: Load Independence of the Instantaneous Pressure-Volume Ratio of the Canine Left
Ventricle and Effects of Epinephrine and Heart Rate on the Ratio. Circulation Research 1973, XXXII:314-322.
48. Barnea O, Moore TW, Dubin S, Jaron D: Cardiac Energy Considerations during Intraaortic Balloon Pumping. IEEE
Transactions on Biomedical Engineering 1990, 17:170-181.
49. Yaku H, Goto Y, Futaki S, Ohgoshi Y, Kawaguchi O, Sugu H: Multicompartment Model for Mechanics and Energetics
of Fibrillating Ventricle. American Journal of Physiology(Heart Circ Physiol) 1991, 260:H292-H299.
50. Pennati G, Migliavacca F, Dubini G, Pietrabissa R, de Leval MR: A Mathematical Model of Circulation in the Presence
of the Bidirectional Cavopulmonary Anastomosis in Children with a Univentricular Heart. Medical Engineering &
Physics 1997, 19:223-234.

Page 34 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

51. Migliavacca F, Pennati G, Dubini G, Fumero R, Pietrabissa R, Urcelay G, Bove EL, Hsia TY, de Leval MR: Modeling of the
Norwood circulation: effects of shunt size, vascular resistances, and heart rate. Am J Physiol Heart Circ Physiol 2001,
280:H2076-2086.
52. Bovendeerd PH, Borsje P, Arts T, van De Vosse FN: Dependence of intramyocardial pressure and coronary flow on
ventricular loading and contractility: a model study. Ann Biomed Eng 2006, 34:1833-1845.
53. Diaz-Zuccarini V, LeFevre J: An energetically coherent lumped parameter model of the left ventricle specially
developed for educational purposes. Comput Biol Med 2007, 37:774-784.
54. Cavalcanti S, Di Marco LY: Numerical simulation of the hemodynamic response to hemodialysis-induced
hypovolemia. Artif Organs 1999, 23:1063-1073.
55. Cavalcanti S, Cavani S, Ciandrini A, Avanzolini G: Mathematical modeling of arterial pressure response to
hemodialysis-induced hypovolemia. Comput Biol Med 2006, 36:128-144.
56. Korakianitis T, Shi Y: A concentrated parameter model for the human cardiovascular system including heart valve
dynamics and atrioventricular interaction. Med Eng Phys 2006, 28:613-628.
57. Korakianitis T, Shi Y: Effects of atrial contraction, atrioventricular interaction and heart valve dynamics on human
cardiovascular system response. Med Eng Phys 2006, 28:762-779.
58. Beyar R, Dong SJ, Smith ER, Belenkie I, Tyberg JV: Ventricular interaction and septal deformation: a model compared
with experimental data. Am J Physiol 1993, 265:H2044-2056.
59. Chung DC, Niranjan SC, Clark JW, Bidani AJ, Johnston WE, Zwischenberger JB, Traber DL: A Dynamic Model of
Ventricular Interaction and Pericardial Influence. American Journal of Physiology(Heart Circ Physiol) 1997, 272:
H2942-H2962.
60. Maughan WL, Sunagawa K, Sagawa K: Ventricular systolic interdependence: volume elastance model in isolated
canine hearts. Am J Physiol 1987, 253:H1381-1390.
61. Santamore WP, Shaffer T, Papa L: Theoretical model of ventricular interdependence: pericardial effects. Am J Physiol
1990, 259:H181-189.
62. Slinker BK, Glantz SA: End-systolic and end-diastolic ventricular interaction. Am J Physiol 1986, 251:H1062-1075.
63. Slinker BK, Chagas AC, Glantz SA: Chronic pressure overload hypertrophy decreases direct ventricular interaction.
Am J Physiol 1987, 253:H347-357.
64. Yacoub MH, Kilner PJ, Birks EJ, Misfeldn M: The Aortic Outflow and Root: A Tale of Dynamism and Crosstalk. Annals
Thoracic Surgury 1996, 68:S37-43.
65. Bellhouse BJ: The Fluid Mechanics of Heart Valves 1972.
66. McQueen DM, Peskin CS, Yellin EL: Fluid dynamics of the mitral valve: physiological aspects of a mathematical
model. Am J Physiol 1982, 242:H1095-1110.
67. De Hart J, Paters GWM, Schreurs PJG, Baaijens FPT: A Three-dimensional Computational Analysis of Fluid-structure
Interaction in the Aortic Valve. Journal of Biomechanics 2003, 36:103-112.
68. Hose DR, Narracott AJ, Penrose JM, Baguley D, Jones IP, Lawford PV: Fundamental mechanics of aortic heart valve
closure. J Biomech 2006, 39:958-967.
69. Drzewiecki G, Wang JJ, Li JKJ, Kedem J, Weiss H: Modeling of Mechanical Dysfunction in Regional Stunned
Myocardium of the Left Ventricle. IEEE Transaction on Biomedical Engineering 1996, 43:1151-1163.
70. Vollkron M, Shima H, Huber L, Wieselthaler G: Interaction of the Cardiovascular System with an Implanted Rotary
Assist Device: Simulation Study with a Refined Computer Model. Artificial Organs 2002, 26:349-359.
71. Leyh RG, Schmidtke C, Sievers HH, Yacoub MH: Opening and closing characteristics of the aortic valve after different
types of valve-preserving surgery. Circulation 1999, 100:2153-2160.
72. Berne RM, Levy MN: Cardiovascular Physiology , Fourth 1981.
73. Shi Y, Yeo TJ, Zhao Y: Numerical simulation of a systemic flow test rig. ASAIO J 2004, 50:54-64.
74. Korakianitis T, Shi Y: Numerical Simulation of Cardiovascular Dynamics with Healthy and Diseased Heart Valves.
Journal of Biomechanics 2006, 39:1964-1982.
75. Guyton AC: Textbook of Medical Physiology. 11 edition. Elsevier Inc; 2006.
76. Ursino M, Magosso E: Acute Cardiovascular Response to Isocapnic Hypoxia. II. Model Validation. American Journal of
Physiology(Heart Circ Physiol) 2000, 279:H166-H175.
77. Magosso E, Ursino M: A mathematical model of CO2 effect on cardiovascular regulation. Am J Physiol Heart Circ
Physiol 2001, 281:H2036-2052.
78. Green JF, Miller NC: A model describing the response of the circulatory system to acceleration stress. Ann Biomed
Eng 1973, 1:455-467.
79. Melchior FM, Srinivasan RS, Charles JB: Mathematical Modeling of Human Cardiovascular System for Simulation of
Orthostatic Response. American Journal of Physiology(Heart Circ Physiol) 1992, 262:H1920-H1933.
80. Lodi CA, Ursino M: Hemodynamic effect of cerebral vasospasm in humans: a modeling study. Ann Biomed Eng 1999,
27:257-273.
81. Jeays AD, Lawford PV, Gillott R, Spencer PA, Bardhan KD, Hose DR: A framework for the modeling of gut blood flow
regulation and postprandial hyperaemia. World J Gastroenterol 2007, 13:1393-1398.
82. Cornelissen AJ, Dankelman J, VanBavel E, Stassen HG, Spaan JA: Myogenic reactivity and resistance distribution in the
coronary arterial tree: a model study. Am J Physiol Heart Circ Physiol 2000, 278:H1490-1499.
83. Cornelissen AJ, Dankelman J, VanBavel E, Spaan JA: Balance between myogenic, flow-dependent, and metabolic flow
control in coronary arterial tree: a model study. Am J Physiol Heart Circ Physiol 2002, 282:H2224-2237.
84. Bai J, Lu H, Zhang J, Zhao B, Zhou X: Optimization and mechanism of step-leap respiration exercise in treating of
cor pulmonale. Comput Biol Med 1998, 28:289-307.
85. De Lazzari C, Darowski M, Ferrari G, Pisanelli DM, Tosti G: Modelling in the study of interaction of Hemopump device
and artificial ventilation. Comput Biol Med 2006, 36:1235-1251.
86. Fung YC: Biodynamics: Circulation 1984.
87. Zervides C, Narracott AJ, Lawford PV, Hose DR: The role of venous valves in pressure shielding. Biomed Eng Online
2008, 7:8.
88. Fung YC: Biomechanics: Mechanical Properties of Living Tissues 1993.

Page 35 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

89. Fogliardi R, Di Donfrancesco M, Burattini R: Comparison of linear and nonlinear formulations of the three-element
windkessel model. Am J Physiol 1996, 271:H2661-2668.
90. Li JKJ, Cui T, Drzewiecki G M: A Nonlinear Model of the Arterial System Incorporating a Pressure-dependent
Compliance. IEEE Transactions on Biomedical Engineering 1990, 37:673-678.
91. Berger DS, Li J, K J: Temporal Relation between Left Ventricular and Arterial System Elastances. IEEE Transactions on
Biomedical Engineering 1992, 39:404-410.
92. Cappello A, Gnudi G, Lamberti C: Identification of the three-element windkessel model incorporating a pressuredependent compliance. Ann Biomed Eng 1995, 23:164-177.
93. Geven MC, Bohte VN, Aarnoudse WH, van den Berg PM, Rutten MC, Pijls NH, van de Vosse FN: A physiologically
representative in vitro model of the coronary circulation. Physiol Meas 2004, 25:891-904.
94. Smith NP, Pullan AJ, Hunter PJ: An anatomically based model of transient coronary blood flow in the heart. SIAM
Journal on Applied mathematics 2002, 62:990-1018.
95. Spaan JA, Breuls NP, Laird JD: Diastolic-systolic coronary flow differences are caused by intramyocardial pump
action in the anesthetized dog. Circ Res 1981, 49:584-593.
96. Kolyva C, Spaan JA, Piek JJ, Siebes M: Windkesselness of coronary arteries hampers assessment of human coronary
wave speed by single-point technique. Am J Physiol Heart Circ Physiol 2008, 295:H482-490.
97. Verberne HJ, Meuwissen M, Chamuleau SA, Verhoeff BJ, van Eck-Smit BL, Spaan JA, Piek JJ, Siebes M: Effect of
simultaneous intracoronary guidewires on the predictive accuracy of functional parameters of coronary lesion
severity. Am J Physiol Heart Circ Physiol 2007, 292:H2349-2355.
98. Cavalcanti S, Belardinelli E: Modeling of cardiovascular variability using a differential delay equation. IEEE Trans
Biomed Eng 1996, 43:982-989.
99. Shi Y, Korakianitis T: Numerical simulation of cardiovascular dynamics with left heart failure and in-series pulsatile
ventricular assist device. Artif Organs 2006, 30:929-948.
100. Ursino M, Giulioni M: Quantitive Assessment of Cerebral Autoregulation from Transcranial Doppler Pulsatility: a
Computer Simulation Study. Medical Engineering & Physics 2003, 25:655-666.
101. Ursino M, Minassian AT, Lodi CA, Beydon L: Cerebral Hemodynamics during Arterial and CO2 Pressure Changes: in
vivo Prediction by a Mathematical Model. American Journal of Physiology(Heart Circ Physiol) 2000, 279:H2439-H2455.
102. Ursino M, Iezzi M, Stocchetti N: Intracranial Pressure Dynamics in Patients with Acute Brain Damage: A Critical
Analysis with the Aid of a Mathematical Model. IEEE Transactions on Biomedical Engineering 1995, 42:529-540.
103. Ursino M: A Mathematical Model of Overall Cerebral Blood Flow Regulation in the Rat. IEEE Transactions on
Biomedical Engineering 1991, 38:795-807.
104. Manor D, Beyar R, Sideman S: Pressure-flow characteristics of the coronary collaterals: a model study. Am J Physiol
1994, 266:H310-318.
105. Grant BJ, Paradowski LJ: Characterization of pulmonary arterial input impedance with lumped parameter models.
Am J Physiol 1987, 252:H585-593.
106. Liu Z, Brin KP, Yin FC: Estimation of total arterial compliance: an improved method and evaluation of current
methods. Am J Physiol 1986, 251:H588-600.
107. Lucas CL, Wilcox BR, Ha B, Henry GW: Comparison of time domain algorithms for estimating aortic characteristic
impedance in humans. IEEE Trans Biomed Eng 1988, 35:62-68.
108. Stergiopulos N, Meister JJ, Westerhof N: Evaluation of methods for estimation of total arterial compliance. Am J
Physiol 1995, 268:H1540-1548.
109. Wesseling KH, Jansen JR, Settels JJ, Schreuder JJ: Computation of aortic flow from pressure in humans using a
nonlinear, three-element model. J Appl Physiol 1993, 74:2566-2573.
110. Yoshigi M, Keller BB: Characterization of embryonic aortic impedance with lumped parameter models. Am J Physiol
1997, 273:H19-27.
111. Westerhof N, Lankhaar JW, Westerhof BE: The arterial Windkessel. Med Biol Eng Comput 2009, 47:131-141.
112. CellML implementation of a group of lumped-parameter cardiovascular models. [http://models.cellml.org/
cardiovascular_circulation], http://models.cellml.org/cardiovascular_circulation.
113. Boron WF, Boulpaep EL: Medical Physiology: A Cellular and Molecular Approach 2003.
114. Noordergraaf A: Circulatory System Dynamics 1978.
115. Canic S, Kim EH: Mathematical analysis of the quasilinear effects in a hyperbolic model blood flow through
compliant axi-symmetric vessels. Mathematical Methods in the Applied Sciences 2003, 26:1161-1186.
116. Parker KH, Jones CJ: Forward and backward running waves in the arteries: analysis using the method of
characteristics. J Biomech Eng 1990, 112:322-326.
117. Rooz E, Young DF, Rogge TR: A finite-element simulation of pulsatile flow in flexible obstructed tubes. J Biomech
Eng 1982, 104:119-124.
118. Porenta G, Young DF, Rogge TR: A finite-element model of blood flow in arteries including taper, branches, and
obstructions. J Biomech Eng 1986, 108:161-167.
119. Surovtsova I: Effects of compliance mismatch on blood flow in an artery with endovascular prosthesis. J Biomech
2005, 38:2078-2086.
120. Elad D, Katz D, Kimmel E, Einav S: Numerical schemes for unsteady fluid flow through collapsible tubes. J Biomed
Eng 1991, 13:10-18.
121. Li CW, Cheng HD: A nonlinear fluid model for pulmonary blood circulation. J Biomech 1993, 26:653-664.
122. Olufsen MS: Structured tree outflow condition for blood flow in larger systemic arteries. Am J Physiol 1999, 276:
H257-268.
123. Brook BS, Falle SAEG, Pedley TJ: Numerical Solutions for Unsteady Gravity-driven Flows in Collapsible Tubes:
Evolution and Roll-wave Instability of a Steady State. Journal of Fluid Mechanics 1999, 396:223-256.
124. Streeter VL, Keitzer WF, Bohr DF: Pulsatile Pressure and Flow through Distensible Vessels. Circulation Research 1963,
XIII:3-20.
125. Bodley WE: The non-linearities of arterial blood flow. Phys Med Biol 1971, 16:663-672.

Page 36 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

126. Sherwin SJ, Formaggia L, Peir , Franke V: Computational Modeling of 1D Blood Flow with Variable Mechanical
Properties and Application to the Simulation of Wave Propagation in the Human Arterial System. International
Journal for Numerical Methods in Fluids 2003, 43:673-700.
127. Wan J, Steele B, Spicer SA, Strohband S, Feijoo GR, Hughes TJ, Taylor CA: A one-dimensional finite element method
for simulation-based medical planning for cardiovascular disease. Comput Methods Biomech Biomed Engin 2002,
5:195-206.
128. Brook BS, Pedley TJ: A model for time-dependent flow in (giraffe jugular) veins: uniform tube properties. J Biomech
2002, 35:95-107.
129. Formaggia L, Gerbeau JF, Nobile F, Quarteroni A: On the Coupling of 3D and 1D Navier-Stokes Equations for Flow
Problems in Compliant Vessels. Computer Methods in Applied Mechanics and Engineering 2001, 191:561-582.
130. Wang JJ, Parker KH: Wave propagation in a model of the arterial circulation. J Biomech 2004, 37:457-470.
131. Wang JJ, O’Brien AB, Shrive NG, Parker KH, Tyberg JV: Time-domain representation of ventricular-arterial coupling as
a windkessel and wave system. Am J Physiol Heart Circ Physiol 2003, 284:H1358-1368.
132. Pontrelli G, Rossoni E: Numerical Modeling of the Pressure Wave Propagation in the Arterial Flow. International
Journal for Numerical Methods in Fluids 2003, 43:651-671.
133. Reymond P, Merenda F, Perren F, Rufenacht D, Stergiopulos N: Validation of a one-dimensional model of the
systemic arterial tree. Am J Physiol Heart Circ Physiol 2009, 297:H208-222.
134. Sherwin SJ, V F, J P, K P: One-dimensional modelling of a vascular network in space-time variables. Journal of
Engineering Mathematics 2003, 47:217-250.
135. Heil M, Pedley TJ: Large Axisymmetric Deformation of a cylindrical shell conveying a viscous flow. Journal of Fluids
and Structures 1995, 9:237-256.
136. Whiteham GB: Linear and Non-linear Waves John Wiley & Sons, Inc; 1999.
137. Bessems D, Giannopapa CG, Rutten MC, van de Vosse FN: Experimental validation of a time-domain-based wave
propagation model of blood flow in viscoelastic vessels. J Biomech 2008, 41:284-291.
138. Lee J, Smith N: Development and application of a one-dimensional blood flow model for microvascular networks.
Proc Inst Mech Eng [H] 2008, 222:487-511.
139. Steele BN, Wan J, Ku JP, Hughes TJ, Taylor CA: In vivo validation of a one-dimensional finite-element method for
predicting blood flow in cardiovascular bypass grafts. IEEE Trans Biomed Eng 2003, 50:649-656.
140. Wang JJ, Parker KH, Tyberg JV: Left ventricular wave speed. J Appl Physiol 2001, 91:2531-2536.
141. Wang Z, Jalali F, Sun YH, Wang JJ, Parker KH, Tyberg JV: Assessment of left ventricular diastolic suction in dogs using
wave-intensity analysis. Am J Physiol Heart Circ Physiol 2005, 288:H1641-1651.
142. Sun YH, Anderson TJ, Parker KH, Tyberg JV: Wave-intensity analysis: a new approach to coronary hemodynamics.
J Appl Physiol 2000, 89:1636-1644.
143. Zambanini A, Cunningham SL, Parker KH, Khir AW, Mc GTSA, Hughes AD: Wave-energy patterns in carotid, brachial,
and radial arteries: a noninvasive approach using wave-intensity analysis. Am J Physiol Heart Circ Physiol 2005, 289:
H270-276.
144. Hollander EH, Wang JJ, Dobson GM, Parker KH, Tyberg JV: Negative wave reflections in pulmonary arteries. Am J
Physiol Heart Circ Physiol 2001, 281:H895-902.
145. Hollander EH, Dobson GM, Wang JJ, Parker KH, Tyberg JV: Direct and series transmission of left atrial pressure
perturbations to the pulmonary artery: a study using wave-intensity analysis. Am J Physiol Heart Circ Physiol 2004,
286:H267-275.
146. Quarteroni A: Modeling the Cardiovascular System—A Mathematical Adventure: Part I & II. SIAM News 2001, 34:1-3.
147. Pontrelli G: A multiscale approach for modelling wave propagation in an arterial segment. Comput Methods
Biomech Biomed Engin 2004, 7:79-89.
148. Formaggia L, Nobile F, Quarteroni A, Veneziani A: Multiscale modelling of the circulatory system: a preliminary
analysis. Computing and Visualization in Science 1999, 2:75-83.
149. Womersley JR: Method for the calculation of velocity, rate of flow and viscous drag in arteries when the pressure
gradient is known. J Physiol 1955, 127:553-563.
150. Womersley JR: Oscillatory flow in arteries: the constrained elastic tube as a model of arterial flow and pulse
transmission. Phys Med Biol 1957, 2:178-187.
151. Watanabe H, Sugiura S, Kafuku H, Hisada T: Multiphysics simulation of left ventricular filling dynamics using fluidstructure interaction finite element method. Biophys J 2004, 87:2074-2085.
152. Vigono-Clementel I, Figueroa CA, Jansen KE, Taylor CA: Outflow boundary conditions for three-dimensional finite
element modeling of blood flow and pressure in arteries. Computer methods in applied mechanics and engineering
2006, 195:3776-3796.
153. Migliavacca F, Balossino R, Pennati G, Dubini G, Hsia TY, de Leval MR, Bove EL: Multiscale modelling in
biofluidynamics: application to reconstructive paediatric cardiac surgery. J Biomech 2006, 39:1010-1020.
154. Formaggia L, Alfio Quarteroni, Veneziani Alessandro: Multiscale models of the vascular system. In Cardiovascular
Mathematics: Modeling and Simulation of the Circulatory System. Volume 1. Edited by: Formaggia L. Quarteroni Alfio, and
Veneziani Alessandro. Milano: Springer-Verlag Italia; 2009:395-446, [Alfio Q (Series Editor): Modeling, Simulation and
Applications]..
155. Yomosa S: Solitary waves in large blood vessels. Journal of Physical Society of Japan 1987, 56:506-520.
156. Laleg TM, Crepeau E, Sorine M: Seperation of arterial pressure into a nonlinear superposition of solitary waves and
a windkessel flow. Biomedical signal processing and control 2007, 2:163-170.
157. Crepeau E, Sorine M: A reduced model of pulsatile flow in an arterial compartment. Chaos, solitons and fractals 2007,
34:594-605.
158. Hilmi D: On the propagation of solitary waves in a prestressed thin elastic tube filled with an inviscid fluid.
Zeitschrift fur angewandte Mathematik und Physik ZAMP 1998, 49:538-557.
159. Liang FY, Takagi S, Himeno R, Liu H: Biomechanical characterization of ventricular-arterial coupling during aging: a
multi-scale model study. J Biomech 2009, 42:692-704.
160. Formaggia L, Lamponi D, Tuveri M, Veneziani A: Numerical modeling of 1D arterial networks coupled with a lumped
parameters description of the heart. Comput Methods Biomech Biomed Engin 2006, 9:273-288.

Page 37 of 38

Shi et al. BioMedical Engineering OnLine 2011, 10:33
http://www.biomedical-engineering-online.com/content/10/1/33

161. Kim HJ, Vignon-Clementel IE, Figueroa CA, LaDisa JF, Jansen KE, Feinstein JA, Taylor CA: On coupling a lumped
parameter heart model and a three-dimensional finite element aorta model. Ann Biomed Eng 2009, 37:2153-2169.
162. Taylor CA, Kim KJ, S CJ: Patient-specific hemodynamics of the cardiovascular system, US 2010/0241404 A1. United
States Patent; 2010.
163. Taylor CA, Zarins CK, Hughes TJR: Method for predictive modeling for planning medical interventions and
simulating physiological conditions, US 6,236,878 B1. United States Patent; 2001.
164. euHeart. [http://www.euheart.eu/], http://www.euheart.eu/.
165. Cole RT, Lucas CL, Cascio WE, Johnson TA: A LabVIEW model incorporating an open-loop arterial impedance and a
closed-loop circulatory system. Ann Biomed Eng 2005, 33:1555-1573.
166. Lerma C, Minzoni A, Infante O, Jose MV: A mathematical analysis for the cardiovascular control adaptations in
chronic renal failure. Artif Organs 2004, 28:398-409.
167. Segers P, Rietzschel ER, De Buyzere ML, Stergiopulos N, Westerhof N, Van Bortel LM, Gillebert T, Verdonck PR: Threeand four-element Windkessel models: assessment of their fitting performance in a large cohort of healthy middleaged individuals. Proc Inst Mech Eng [H] 2008, 222:417-428.
168. Segers P, Stergiopulos N, Schreuder JJ, Westerhof BE, Westerhof N: Left ventricular wall stress normalization in
chronic pressure-overloaded heart: a mathematical model study. Am J Physiol Heart Circ Physiol 2000, 279:
H1120-1127.
169. Westerhof N, Bosman F, De Vries CJ, Noordergraaf A: Analog studies of the human systemic arterial tree. J Biomech
1969, 2:121-143.
170. Toorop GP, Westerhof N, Elzinga G: Beat-to-beat estimation of peripheral resistance and arterial compliance during
pressure transients. Am J Physiol 1987, 252:H1275-1283.
171. McIlroy M, Targett RC: A Model of the Systemic Arterial Bed Showing Ventricular Systemic Arterial Coupling.
American Journal of Physiology(Heart Circ Physiol) 1988, 254:H609-H616.
172. Magosso E, Cavalcanti S, Ursino M: Theoretical analysis of rest and exercise hemodynamics in patients with total
cavopulmonary connection. Am J Physiol Heart Circ Physiol 2002, 282:H1018-1034.
173. Kresh JY, Brockman SK, Noordergraaf A: Theoretical and experimental analysis of right ventricular bypass and
univentricular circulatory support. IEEE Trans Biomed Eng 1990, 37:121-127.
174. Choi S, Antaki JF, Boston JR, Thomas D: A Sensorless Approach to Control of a Turbodynamic Left Ventricular Assist
System. IEEE Transactions on Control Systems Technology 2001, 9:473-482.
175. Giridharan G, Skliar M: Nonlinear Controller for Ventricular Assist Devices. Artificial Organs 2002, 26:980-984.
176. He P, Bai J, Xia DD: Optimum Control of the Hemopump as a Left-ventricular Assist Device. Medical & Biological
Engineering & Computing 2005, 43:136-141.
177. Pekkan K, Frakes D, de Zelicourt D, Lucas CW, Parks WJ, Yoganathan AP: Coupling Pediatric Ventricle Assist Devices to
the Fontan Circulation: Simulation with a Lumped-Parameter Model. ASAIO Journal 2005, 51:618-628.
178. Vandenberghe S, Segers P, Meyns B, Verdonck PR: Effect of Rotary Blood Pump Failure on Left Ventricular Energetics
Assessed by Mathematical Modeling. Artificial Organs 2002, 26:1032-1039.
179. Shi Y, Korakianitis T, Bowles C: Numerical simulation of cardiovascular dynamics with different types of VAD
assistance. J Biomech 2007, 40:2919-2933.
180. Korakianitis T, Shi Y: Numerical comparison of hemodynamics with atrium to aorta and ventricular apex to aorta
VAD support. ASAIO J 2007, 53:537-548.
181. Arndt A, Nusser P, Graichen K, Muller J, Lampe B: Physiological control of a rotary blood pump with selectable
therapeutic options: control of pulsatility gradient. Artif Organs 2008, 32:761-771.
doi:10.1186/1475-925X-10-33
Cite this article as: Shi et al.: Review of Zero-D and 1-D Models of Blood Flow in the Cardiovascular System.
BioMedical Engineering OnLine 2011 10:33.

Submit your next manuscript to BioMed Central
and take full advantage of:
• Convenient online submission
• Thorough peer review
• No space constraints or color figure charges
• Immediate publication on acceptance
• Inclusion in PubMed, CAS, Scopus and Google Scholar
• Research which is freely available for redistribution
Submit your manuscript at
www.biomedcentral.com/submit

Page 38 of 38

