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Abstract

This article introduces the concept of pulmonary vascular stiffness, discusses its increasingly

recognized importance as a diagnostic marker in the evaluation of pulmonary vascular disease,

and describes methods to measure and model it clinically, experimentally, and computationally. It

begins with a description of systems-level methods to evaluate pulmonary vascular compliance

and recent clinical efforts in applying such techniques to better predict patient outcomes in

pulmonary arterial hypertension. It then progresses from the systems-level to the local level,

discusses proposed methods by which upstream pulmonary vessels increase in stiffness,

introduces concepts around vascular mechanics, and concludes by describing recent work

incorporating advanced numerical methods to more thoroughly evaluate changes in local

mechanical properties of pulmonary arteries.

Introduction

The arteries of the lung may be broadly categorized into three groups: the proximal elastic

arteries, which provide a Windkessel (buffer) function that reduces right heart work and

helps maintain forward flow during diastole; the arterioles, which regulate and direct local

flow due to changing oxygen demands of the body or in response to environmental

conditions such as hypoxia; and the capillaries, where the primary function of the lung

occurs, gas exchange. These groups may also be described by their primary hemodynamic

functions: compliance (the proximal elastic arteries), and resistance (arterioles and

capillaries).

Earlier study of pulmonary hypertension (PH) has focused heavily on pulmonary vascular

resistance (PVR), which quantifies mean hemodynamic parameters (mean flow and mean

pressure). Indeed, the pulmonary circulation chapter in the 1983 edition of the APS
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Handbook of Physiology discussed only resistance and other mean measures of pulmonary

vascular function (63). This focus was mostly reasonable; clinically, the clearest

hemodynamic manifestation of PH is an increase in mean pulmonary artery pressure

(mPAP), the primary result of an increase in PVR. Since that article, diagnostic and

treatment paradigms focused on PVR and its reactivity to vasodilators have markedly

decreased morbidity and mortality for the disease (4, 6, 31, 142).

However, the pulmonary vascular circuit is composed not only of the distal resistance

vessels but also the proximal vessels as well and it is becoming increasingly evident that

these proximal vessels are in fact much more than simple conduits that connect the right

ventricle to the lungs. Although changes in pulmonary vascular stiffness of the proximal

elastic arteries had also been recognized at the time of the previous Handbook as intrinsic to

the disease state (36, 59) and as a determinant of flow propagation and pulsatility, the

contribution of vascular stiffening to the derangement of vascular function was not well

understood and had been mostly neglected in both the basic science and clinical settings.

The primary reasons for this were the lack of direct clinical data documenting the

relationship between clinical outcomes and PVS diagnostics, and the difficulties in

measuring PVS within the routine evaluation of PH. This is beginning to change. Recent

clinical work has highlighted the importance of PVS in the progression of PH (55, 84, 110),

mechanical studies have begun to elucidate the gross vascular changes responsible for

stiffening, and existing and novel studies of cellular mechanotransduction suggest PVS may

play a role in pulmonary disease pathogenesis (104,105). Many of these concepts have been

well-adopted by investigators studying the systemic vascular circuit in health and disease.

Here we propose that proximal vascular stiffening in the pulmonary vessels constitutes an

equally important aspect of evaluating pulmonary vascular disease.

The Right Ventricle and Its Circulation

The right heart moves deoxygenated blood returning from the body through the pulmonary

circuit. Long thought of as the “less important” side of the heart (143), its ventricle requires

one-fifth of the energy of the left ventricle to move the same amount of blood through the

much lower resistance offered by the lung vasculature (65). Also in contrast to the left heart,

the right side is less capable of acutely or chronically increasing its volume and/or pressure

output.

In the simplest functional sense, the heart is a pump that uses energy (oxygen and glucose)

to mechanically increase the pressure of its working fluid (blood). This naturally leads to the

idea of pump efficiency, which can be esoterically described as actual work divided by some

theoretically maximum possible work, or more practically as a cost function of actual work

per energy input (171). This definition is not used in current clinical evaluation of right heart

function, where the focus is on right ventricular afterload, as has been historically quantified

by PVR.

Pulmonary hypertension

Elevations in PVR have long been considered to be a defining attribute of PH (4, 6), given

that increases in PVR due to distal vasoconstriction, remodeling, proliferation, or other
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effects (183,184) are primarily responsible for increased mPAP. These pathologies all

change distal vascular diameter and/or overall flow area of the distal pulmonary circulation

and thus strongly affect resistance; these will be reviewed briefly below.

Persistent distal vasoconstriction has been long noted as a feature of some patients with

idiopathic pulmonary arterial hypertension (IPAH) (186), and likely results from changes in

vasoactive mediators due to endothelial dysfunction (21). Distal vascular reactivity to

vasodilators such as inhaled nitric oxide, determined by acute reduction in PVR, remains an

important part of clinical diagnosis (5), although this constriction becomes less important in

the more advanced disease state (139). Hypoxic animal models of PH all display persistent

distal vasoconstriction (113, 124, 141, 165) that can be acutely reduced by vasodilators (44).

Structural changes to the distal vasculature, collectively known as vascular remodeling,

involve the thickening of all three layers of the vessel wall. At the lumen, endothelial and

myofibroblast cell proliferation is associated with concentric or obliterative plexiform

lesions (30, 68, 170), again a likely result of endothelial dysfunction (21). A “distal

extension of smooth muscle” or neomuscularization also results, due to precursor cell

differentiation into vascular smooth muscle cells (SMCs) in the partially muscularized and

non-muscular distal vasculature (116). Finally, medial and adventitial thickening occurs due

to increased accumulation of extracellular matrix (ECM) proteins, as well as increased

accumulation of SMCs (media) and fibroblasts and myofibroblasts (adventitia) (34, 91, 140,

164). Together, these structural alterations act to occlude the vessel lumen and to

collectively reduce the overall vascular bed area (known as vessel rarefaction or pruning)

(72, 73, 91, 117, 132), thus increasing PVR.

The Biology of Pulmonary Vascular Stiffness

Stiffening is an increasingly important component of systemic vascular disease in humans

and is associated with significant morbidity and mortality. While the natural history of

pulmonary vascular stiffening in a population due to pulmonary arterial hypertension (PAH)

is unknown, there have been many studies of vascular stiffness in the setting of systemic

vascular disease. Stiffening of the great systemic arteries appears to be an age-associated

change in older adults resulting in increases in ECM, specifically elastin and collagen, and is

related to systemic hypertension, diabetes, atherosclerosis, and chronic renal failure (33,

102, 103, 106). Aortic stiffening has also been shown to be predictive of cardiovascular

events (37, 101, 122, 137, 160, 162). Interestingly, it is yet unknown whether stiffening is a

cause or effect of these diseases (58); however, stiffening contributes to increased left

ventricular workload and likely contributes to heart failure.

As will be shown below, it is established that the stiffness of the great pulmonary arteries is

elevated in several forms of PH, and there is increasing clinical awareness that this change

affects disease course. Elevated PVS essentially reduces the Windkessel, or buffering, effect

of the proximal arteries. This in turn adds further to right heart afterload—beyond that

already caused by pathological PVR—and increases both pressure and flow pulsatility,

which may have implications to hemodynamic mechanotransduction events. At least three

mechanisms have been cited for increasing PVS: acute high-strain-induced passive
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stiffening; chronic passive stiffening due to vascular remodeling; and acute active stiffening

due to SMC response.

Elastic tissues

The ECM of connective tissues consists of four major, mechanically relevant, passive

constituent materials: collagen, proteoglycans, elastin, and glycoproteins. These materials

act in concert to provide connective tissues with unique material properties required for their

homeostatic function and are the subject of significant research on connective tissue

pathology. Material properties such as tensile strength, compliance, friction coefficient,

viscosity, resistance to wear and fracture are all largely determined by ECM constituent

materials and have either a direct correlation with, or causality to, numerous pathologic

conditions.

Conduit pulmonary arteries are composed of tissues whose homeostatic function depends on

an elastic response to applied loads. As such, the behavior of these tissues is largely

determined by the mechanics of the elastin and collagen present within arterial ECM. These

structural proteins produce a common stress-strain response of elastic arterial tissues to

applied load that can be categorized by a low-strain, linear, elastin-dominant region, a highly

nonlinear transition region, and a second high-strain, linear, collagen-dominant region (Fig.

1). Therefore, in conduit pulmonary arterial (PA) tissues, elastin is the material primarily

responsible for the ability to repeatedly deform under load and to return to the original shape

with minimal dissipative (viscous) losses, while collagen provides strength and limits the

degree of deformation of elastic tissue thereby preventing damage or rupture. It is useful to

discuss these important structural proteins briefly.

Arterial elastin—Elastin is an insoluble protein largely found in connective tissues in

which the ability to stretch is a functional requirement. The elastic tissue found within the

lamellae of the arterial tunica media is composed of a high-density network of elastin fibers.

Elastin fibers are the morphologic subunit, consisting of cross-linked elastin and a

microfibrillar core, which are bound together to form elastic tissues. These elastic tissues

imbue the arteries with the ability to reversibly stretch (elastic behavior), meaning that under

load the tissue will deform and upon release of the applied load the tissue will return to its

original shape.

Arterial elastic fibers are composed of tropoelasin deposited within a microfibrillar bundle.

Tropoelastin is the soluble precursor to the insoluble elastin and is believed to be the moiety

that is produced within the cell for transportation to, and incorporation into, an elastic fiber

under construction. Elastic fiber construction begins with the deposition of microfibrils by

fibroblastic cells. These microfibrils direct elastin fiber growth and may help align

tropoelastin molecules in the orientation needed for cross-link formation (69, 145).

Tropoelastin is deposited within the microfibrillar bundles and the lysyl oxidase-derived

crosslinks, desmosine, and isodesmosine act to bind the tropoelastin molecules into a stable

insoluble elastin core (2, 93, 209). These individual elastic fibers are arranged in a network

and bound together to form fenestrated elastic sheets that surround the artery in concentric

layers and work to uniformly distribute the tensile stress to which the artery is subjected
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(153). While the individual elastic fibers do not have a linear stress-strain relationship,

network effects allow the resulting elastin tissue to obey Hooke’s law up to large strains

(209). The resulting fenestrated elastic sheets, which are bound to non-elastin ECM

components and SMCs through glycoprotein and integrin bonds, imbue the artery with a

Hookean load-carrying elastin component with near perfect elastic behavior (1).

Amino acid analysis indicates that tropoelastin has a repeating domain structure, alternating

between highly non-polar and cross-linking domains. Nearly 80% of the tropoelastin

molecule is composed of the non-polar, hydrophobic, amino acid residues of proline (P),

valine (V), glycine (G), leucine (L), isoleucine (I), and alanine (A) (155). Nearly one-third

of all tropoelastin residues are glycine, a particularly hydrophobic amino acid. Typical

amino acid sequences found within mammalian tropoelastin include PGGV, PGVGV,

PGVGVA, and GGLGV (145, 155). When no axial loads are present, these amino acid

sequences are folded within the hydrophobic core of the tropoelastin molecule. Upon

application of an axial load, the coiled structure of the tropoelastin molecule becomes

deformed and these hydrophobic sequences are brought into direct contact with the

surrounding solvent which results in an entropic change in the system and concomitant

tangential reactive force generated within the elastin (145, 155).

Arterial collagen—Collagen is a heterogeneous class of molecules that share common

chemical and physical properties but are often disparate in their mechanical or structural

attributes. Collagenous proteins occur frequently in eukaryotic phyla, sometime constituting

more than half of the total protein of adult organisms, and are a major constituent of ECM.

The collagen molecule provides support and tensile strength to the skin, bone, tendon,

elastic arteries, and cornea of vertebrates. In addition to its structural role, collagen has

numerous developmental and physiological functions and is involved either directly or

indirectly in cell attachment and differentiation, as a chemotactic agent for macrophages and

fibroblasts, as an antigen in immunological processes, and as a causal agent in certain

pathological conditions (69).

Arterial collagen works in tandem with elastin to define the mechanical response of vascular

tissues to applied loads as detailed in Figure 1. As is typical in large elastic arteries, the

initial force-deformation response follows a linear relationship in which the applied loads

are largely carried by elastin. At some intermediate level of vessel wall deformation,

collagen begins to carry a measureable amount of the applied load and the force-deformation

response of the material becomes significantly nonlinear, as is evidenced by the transition

region detailed in Figure 1. This transition region is the result of arterial collagen naturally

occurring as a loosely connected network of collagen fiber bundles integrated within the

arterial ECM and largely co-localized with elastin lamellar sheets (99, 158). In unloaded

arterial tissues, the collagen fiber bundles exhibit a tortuous microstructure which has been

described as “wavy” (35, 46, 203). The ability of collagen fiber bundles to exhibit very little

mechanical stiffness over a low-deformation range while contributing significantly to

mechanical stiffness at larger deformations is a result of both the microscopic collagen fiber

structure as well as the molecular structure of the collagen protein itself.
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Collagen molecules are rod-like structures, 3000 Å long and 15 Å in diameter (69). This

rod-like shape of the collagen molecule is due to the triple helical region that comprises

approximately 95% of the collagen molecule. Blood vessel walls are rich in both type I and

type III collagen. Type I collagen contains two genetically distinct α-chains: one called α1

type I or α1(I) and the second called the α2(I) chain. Each type I molecule is composed of

two α1(I) chains and one α2(I) chain, the complete molecule being abbreviated as [α1(I)]2

α2(I). In both α1(I) and α2(I), glycine accounts for one-third of the total amino acids, which

reflects the presence of a significant number of G-X-Y triples present in the α-chains. Type

III collagen molecules are composed of three molecules of a single type of α-chain termed

α1(III). This collagen type shows an amino acid composition of high 4-hydroxyproline

concentration and the presence of half-cystines, which participate in the intramolecular

disulfide cross-links between adjacent α1(III) chains unique to this collagen type. Further,

the high glycine concentration of type III collagen indicates that some of the G-X-Y triplets

have and additional glycine at the X or Y position, which has been suggested as a possible

locus of helix instability. Arterial collagen fiber bundles are composed largely of both type I

and III collagen molecules that are bound together through strong intermolecular bonds to

for a stiff and resilient collagen fiber capable of carrying large, tangential, mechanical loads

while retaining the ability to bend or compress with little applied force.

Stiffening Modalities

The elastic pulmonary vessels may increase and decrease in stiffness acutely or chronically

in response to loading. We broadly categorize these changes as due purely to (i) geometric

factors, where passively attained gross changes in the vascular diameter alter the specific

ECM proteins responsible for carrying wall stress (strain stiffening); (ii) SMC activity, in

response to changing oxygen demand or supply or due to chronic increases in SMC number

or activation status; and (iii) proximal vascular remodeling, where changes in wall thickness,

ECM quantity and/or cross-linkage, SMC proliferation, and other factors combine to change

the geometric and continuum stiffness of the vascular wall.

Strain stiffening

Studies that have compared the material properties of fresh arterial and purified elastin

tissues suggest that at low strains collagen does not greatly contribute to artery mechanics

(99, 144, 153). This, combined with the relatively large modulus of collagen in comparison

to elastin, results in the characteristic bi-linear mechanical response of arterial tissues shown

in Figure 1. Morphologic evidence suggests that the inability of collagen to carry significant

load within the low-strain elastin-dominant region is due to the collagen fiber alignment in

vivo (144, 153, 158). While medial arterial collagen is deposited with a roughly

circumferential orientation, these collagen fibers demonstrate appreciable waviness and

distributed alignment in the circumferential direction (35, 46, 203). Given that arterial

collagen does not contribute significantly to tissue modulus during alignment or

straightening, elastin is likely the dominant load-bearing ECM component for strains that

fall below the onset of collagen engagement. Collagen engagement begins with the

transition strain where the first collagen fibers become straightened and begin to actively

carry load. As strain increases beyond the transition strain and through the transition region,
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more collagen fibers become progressively aligned and straightened in the direction of the

applied load and are thereby recruited to carry additional tensile loads within the tissue

sample. This causes the overall tissue modulus to increase sharply over the transition strain

range, leading to the larger modulus seen in the collagen-dominant region. Therefore, while

elastin provides the elastic behavior associated with arterial tissue, it is the collagen-based

strain stiffening that prevents excessive deformation and possible damage at high pressures.

Myogenic response

In a recent series of studies, PA pressure-diameter (PD) measurements were performed

directly in “active” and “passive” forms of acute PH in sheep obtained through

phenylephrine injection and left PA occlusion, respectively (14, 15, 61, 62, 149). The results

from this sheep model suggest that SMC activity strongly contributes to vascular mechanics

in response to acute pressure increases, in that SMC activation maintained or slightly

reduced the diameter at which vascular buffering function occurred (Fig. 2, left plot). Thus,

SMC activation may prevent or reduce the impacts of collagen engagement (149) during

acute pressure overload. In contrast, maintenance of PA diameter due to SMC effects was

not evident in healthy (control) calves acutely exposed to hypoxia (217); rather, their main

PAs significantly increased in diameter and stiffened greatly (presumably due to collagen

engagement), which suggests a delay in SMC activation absent vasoconstrictor treatment

(Fig. 2, right). Neonatal calf PAs exposed to 2 weeks of chronic hypoxia—which have been

shown to chronically stiffen due to hypoxic exposure (99)—also did not appear to maintain

their diameters due to SMC activation in acute hypoxia. However these chronically hypoxic

animals displayed PD responses different from the control response in that their diameter

increases were smaller and they did not appear to stiffen greatly at higher pressures (i.e.,

engage collagen) (217). Together, these animal models suggest that the SMC response in the

proximal PAs does not occur in acute pressure overload.

The sheep PD results under vasoconstrictor treatment (“active” PH) are consistent with

results from a study of the carotid arteries of rats in systemic hypertension (53). This

systemic study found that the SMCs attempted to maintain smaller (normal) carotid artery

diameters under chronic pressure overload. Further, the carotid artery response was tracked

over 8 weeks after initiation of systemic hypertension, during which time the SMC

contribution to mechanics decreased while chronic changes to carotid mechanics occurred

through vascular remodeling. Such a long-term study has not apparently been performed in

the pulmonary circulation, although chronic stiffening due to remodeling has been reported

in many studies, as noted subsequently.

Vascular remodeling

Histological and morphological studies have long indicated that ECM accumulation yields

thickening of the proximal pulmonary vessels (34, 91, 140, 164) in chronic PH. The

mechanical impacts of these changes have been quantified in both large and small animal

models of chronic PH. Interestingly, histological evidence has already indicated that the

remodeling response of the PAs in PH from large and small mammals is different (165), but

no studies have established if these varied responses have different mechanical

consequences.
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Extracellular matrix remodeling—Both the structure and physiology of the ECM

proteins, elastin, and collagen, present in the large conduit arteries, have been shown to

change as a result of hypertension. A number of studies have examined various biological

mechanisms involved in ECM remodeling as a result of PH (79, 165, 166, 202). However,

much more research has been conducted regarding ECM remodeling of the conduit systemic

vasculature including investigating the effect of inflammatory factors, upregulation of

proliferative catalysts, and phenotypic changes in resident cells (2, 12, 13, 18, 86–89, 90).

Other studies have shown increased collagen content and vascular tone in stiffer arteries of

both the systemic (25, 44, 87) and pulmonary vasculature (40, 85, 95, 125, 126) and ECM

degradation in atrophic remodeling of cuffed carotid arteries (7). In elastin specific studies,

elastolytic activity has been shown to increase during PH (112), and inhibition of this

pathway by the serine elastase inhibitor elafin mitigates hypoxia-induced elastin remodeling

in PH (213). In recent work from the Shandas group coupling a novel orthotropic,

hyperelastic, microstructural model of the PA wall to biomechanical studies of PAs from

normotensive and hypertensive rats, we suggested that increased ECM structural protein

crosslinking may be one mechanism by which these vessels stiffen (214, 215). Structurally,

PH results in an increase in elastin content, but typically the ratio of collagen to elastin

remains unchanged (2, 146). Physiologically, the three-dimensional (3D) architecture of the

ECM proteins (elastin, collagen, proteoglycans and structural glycoproteins), which are

deposited during fetal development, are optimized for efficient structure/function

relationship within the systemic arteries (89, 90), and presumably that structure-function

efficiency is maintained within the pulmonary circulation as well. However, the relative

efficiencies between fetal ECM and that which is deposited during PH vascular remodeling

have not been studied explicitly. In healthy arteries, the turnover rate for collagen and elastin

is low, but vascular pathology upsets the regulatory pathway which maintains this balance,

resulting in an increase in both the synthesis and destruction of the matrix proteins,

suggesting an overall reconstruction of the arterial ECM in both systemic (2) and pulmonary

(165) arteries. However, these adult-synthesized proteins have a 3D architecture, which may

be functionally less optimal then the proteins deposited during fetal development.

Small mammals—Tozzi et al. (182) demonstrated a 2-fold increase in hydroxyproline

content in rat extrapulmonary arterial PA segments after 10 days of hypoxic exposure that

was not seen in the smaller vessels; additionally, vessel stiffening was correlated with

collagen content during the development of PH. Increases in the initial elastic modulus of

the main PA and left PA in the rat due to hypoxic PH have also been demonstrated by

Drexler et al. (38,39) and Wright et al. (208); no difference in the right PA elastic modulus

was found. More interesting, however, was their finding that the hypoxic arteries underwent

strain stiffening, that is, collagen engagement, at lower strains compared to the control

group. Histology suggested that increases in adventitial collagen were primarily responsible

for these changes. In a monocrotaline rat model, Madden et al. (108) found time-dependent

increases in the slope of the PD response of PAs excised from 7-, 14-, and 21-day-treated

PH animals, which is consistent with vessel stiffening due to vascular remodeling. The

Chesler group have shown that PAs excised from hypoxic mice show significant increases in

incremental elastic modulus that correlate with increases in collagen thickness (area fraction

times thickness) as well as combined elastin and collagen thicknesses measured
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histologically (26, 95). Very recently, this group has also quantified gene expression and

total protein in their hypoxic mouse model (43). This work indicates large increases in type I

collagen expression as early as 6 days into hypoxic exposure, with type III and type IV

basement membrane collagen expression increasing 4 days later. Thus, chronically hypoxic

and monocrotaline rat models of PH and chronically hypoxic PH mouse models all

demonstrate increased proximal PA stiffness, and existing evidence indicates this increase is

primarily due to increased collagen accumulation.

Large mammals—Naeije and associates measured characteristic impedance in pigs three

months after the animals underwent either a sham operation or one that created a ventricular

shunt yielding a high-flow model of chronic PH (32, 148, 194). At baseline, the shunt group

displayed impedance curves indicative of increasing PVR and stiffness, although only

resistance (the zero harmonic of impedance) and characteristic impedance were significantly

higher; Bosentan therapy applied to a third shunt group prevented these increases (148). The

pigs were further tested in hyperoxia and hypoxia; no differences existed in the former,

while the shunt group displayed greater sensitivity to hypoxia with significant elevations in

PVR and characteristic impedance (194). Lammers et al. (99) conducted ex-vivo mechanical

pull tests on strips of main, right, and left PA extracted from control and 2-week chronically

hypoxic calves. All three PAs were significantly stiffer in the hypoxic animals; by

normalizing the measured force to the cross-sectional area, it was also shown that the elastic

modulus increased across the entire stretch range, indicating a fundamental change in the

artery material properties. Finally, the physiological operating ranges for the animals were

estimated from simple PD relationships and measured PAP. This analysis indicated that the

increased stiffness was prominent in what is traditionally considered the elastin region with

no change in the collagen engagement strain between animal groups, both suggesting that

elastin was primarily responsible for the increases seen.

Measurement of Pulmonary Vascular Stiffness

Historical review

Parameters quantifying PVS describe force-distension relationships of the pulmonary

vasculature. Site-specific and global stiffness measures were first obtained in intact animals

and in man by the mid 1960s; however, these measurements were highly invasive and thus

difficult to obtain in a clinical setting.

Global measurement—Early investigations quantified the global in vivo stiffness of the

pulmonary vascular tree with the total volumetric compliance (DV/DP, where V is total

pulmonary tree volume and P is pressure) in both animal models (42, 52, 133) and in man

(121, 134).

Subsequent work examined the pulmonary vascular input impedance modulus, which

quantifies both the resistive (static) and compliant (dynamic) components of RV after-load.

Impedance, like total volumetric compliance, provides a global measure of stiffening of the

entire lungs; it derives from a simplified model of the vascular circuit known as a

transmission line model (derived later in this article) which assumes pressure and flow

waves propagate through the circuit without frequency dispersion or change in wave speed.
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Groups led by McDonald, Patel, and Milnor and Bergel appear to be the first to recognize its

increased utility over PVR in studies that obtained impedance from animal models (10, 24,

119, 133).

Milnor et al. (119) used the measured harmonics of pressure and flow—necessary for the

calculation of impedance—to determine the total, mean, and oscillatory RV power of

anesthetized dogs. To do this, they first represented their measured pressure and flow

waveforms in terms of a finite Fourier series, which for flow takes the form

(1)

in which Q0 is the mean flow, Qn and ϕn are the flow amplitude and phase at the nth

harmonic, ω is the fundamental frequency of oscillation (i.e., the heart rate), and N is the

maximum harmonic considered in the Fourier representation. With pressure expressed in the

same form (with Pn and βn as the pressure amplitude and phase at the nth harmonic), the

impedance magnitude (Zn ) and phase (θn ) are

(2)

The hydraulic power of the RV, as pressure energy, are then given by

(3)

where the total hydraulic power Ẇt is the sum of the mean (Ẇm ) and oscillatory (Ẇo)

components. Each component in turn is defined as

(4)

and

(5)

This analysis established that the pulsatile components of pressure and flow could

substantially contribute to the total workload. Milnor et al. also determined the flow kinetic

energy, but this was found to be a minor contributor to total RV power. Three years later,

Milnor et al. (120) published the first impedance studies in man that further confirmed that

the pulsatile components of hemodynamics, governed by vascular stiffness, were a

significant contributor to the total workload presented to the RV. Additionally, patients with

PH were found to display right-shifted impedance curves in addition to larger characteristic

impedances and phase velocities, all indicative of stiffer vessels and significantly increased

RV work. These increases were consistent with proximal, site-specific measures of
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pulmonary stiffness (60) that had attributed stiffening purely to a passive phenomenon

known as strain stiffening, although these authors acknowledged the magnitude of the

increase suggested other factors, such as vascular remodeling were also at work.

Characteristic impedance (Zc), which is input impedance in the absence of wave reflection,

has been used as a measure of PVS, and is included here as a global measure due to its

nonspecificity to a particular vascular site, as are the measurements below. However, it

shows greatest dependence on arteries closest to the measurement site (118). Zc has been

determined experimentally by averaging the harmonics of a measured impedance curve from

the first minimum up to the 8th or 10th harmonic (10, 45, 107). Determination of Zc also

allows for the theoretical separation of forward-traveling and backward-traveling waves, as

will be described later. While Zc can offer insight into vascular mechanics, it also depends

on vascular diameter; thus vascular geometry must also be considered when interpreting its

values.

Local measurement—Site-specific measures of stiffness have also been examined, and

may be more relevant to proximal vascular remodeling. Patel (134) and Peterson (136) were

the first to obtain local in vivo stiffness of dog main PAs with the invasive acquisition of

local pressure and diameter though catheterization and application of a vascular cuff,

respectively. The latter group further examined the artery distension from an engineering

standpoint: with the small-strain approximation, their measures of pressure and diameter

were converted into engineering stress and strain, respectively; these expressions are

(6)

in which σ is the circumferential (or “tangential”) stress, P is the transmural pressure, d and

h are the artery diameter and thickness, respectively, ε is the circumferential strain, and d0 is

the undeformed diameter (these quantities are derived in more detail below). This analysis

yielded both the pressure-strain modulus (also known as the Peterson modulus) and the

circumferential stress-strain modulus [equal to the slope of σ — vs. — ε in Eq. (6) above],

both of which quantify the local stiffness of an artery. Bergel (8, 9) complemented this work

by not only finding these moduli, but also noting their increase as a function of pressure, that

is, he quantified the strain-stiffening nature of the dog PA, and analyzed their dynamic

elastic, or viscoelastic, properties.

The invasive method to obtain diameter used in the animal studies above seem incompatible

with human research; however, Greenfield and Griggs (60) utilized the same methods in

determining in vivo local PA stiffness in patients undergoing open-heart surgery. They found

the normal PA to be five times as distensible as the aorta. Finally, the PA area increased an

average of 22.9% during systole, compared to other studies that found only an 11% increase

in the aorta, which suggested that the pulmonary system has larger capacitance.

Additionally, three patients with PH were found to have significantly higher values of main

PA pressure-strain modulus.
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Clinical measurement

Routine determination of PVS through measurement of impedance (measured using custom

catheters equipped with both a pressure transducer and electromagnetic velocity sensor) or

proximal vascular stiffness [using either intravascular ultrasound (IVUS) or catheterization

coupled with noninvasive imaging] were attempted in the past. As noted above, these

methods were largely neglected until recently in that there was no driving rationale for

stiffness measurement. Additional methods for stiffness measurement (mostly applied in the

systemic circulation) have been reviewed recently (23, 66, 131).

Impedance—Pulmonary vascular input impedance has always been challenging to

measure given its requirement of complete pressure and flow waveforms. Haneda et al. (67)

obtained these waveforms in 1983 using a catheter with a distal electromagnetic velocity

sensor and pressure transducer at the tip, a measurement clearly less invasive than use of a

cuff-type flowmeter (120). The velocity sensor provided only a relative measure of blood

flow, and so required calibration to true flow with an additional measurement of cardiac

output (i.e., mean flow). With this equipment, they demonstrated that high O2 and

norepinephrine both significantly reduced characteristic impedance and PVR in a group of

10 patients with PAH but did not change these parameters in 8 patients with pulmonary

venous hypertension and in 6 healthy control patients. Six years later, Tagawa (173)

published a major clinical study in which characteristic impedance, measured in 52 patients

with chronic pulmonary disease (CPD), increased significantly with mPAP. This, together

with a rightward shift of the first minimum of the patients’ impedance curves, indicated

increasing proximal stiffness in these patients. Tobise et al. (181) evaluated 11 patients with

atrial septal defects undergoing repair to determine if vascular stiffness was chronically

impaired because of shunting. After repair, patients displayed impedance spectra and

characteristic impedance that were not significantly different from 10 control subjects. In

each study, PH was found to significantly influence the impedance; however, no attempt

was made to determine if impedance was a better diagnostic. Finally, in 1992 in patients

with mitral stenosis or congestive heart failure, Kussmaul et al. demonstrated nitroprusside-

induced decreases in the first harmonic of impedance were associated with increases in flow,

occurred independently of decreases in PVR, and were an important mechanism in reducing

RV work (96, 97). This work also suggested the use of lower harmonics, such as Z1, as

indicators of vascular function, as opposed to the characteristic impedance.

In 2004, groups led by Vachiéry (77) and Shandas (195) independently reintroduced the

clinical measurement of impedance in 22 adults and 12 children, respectively, both using a

new and novel method to measure flow. In place of a specialized velocity sensor on the

catheter, spectral Doppler echocardiography (echo) was used to measure blood velocity at

the centerline of the main PA. True flow was estimated through the use of an “area

correction factor” such that

(7)
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where Acorr is the area correction factor, CO is the cardiac output, and v(t) is the spectral

Doppler measured velocity signal. Transient flow was then computed as Acorrv(t). It was

shown that use of this flow estimation method in impedance calculation yielded only small

differences between impedance computed with flow measured from a traditional cuff-type

ultrasonic flow meter (195), thus validating the method. Further, the first harmonic of

impedance, Z1, was suggested as a new measure of vascular stiffness, in contrast to the

characteristic impedance (195); Zc was avoided because of the potential for significant

measurement error in computation of impedance higher harmonics. Reactivity in this

harmonic was advocated as a new diagnostic tool in PH, indicative of vascular stiffness

reactivity. Echo was noted to have two advantages: first, it was a more readily available

modality to measure velocity than specialized catheters, which made routine measurements

feasible (77); second, its use enabled the exploration and development of new, purely

noninvasive modalities for diagnosis (195).

Local stiffness—Routine assessment of proximal vascular stiffness also required a less

invasive method of measuring PA diameter. In 1988, Moore et al. (123) used computed

tomography (CT) to obtain main PA dilation over the cardiac cycle in 17 patients with PH or

pulmonary vascular disease and found it well correlated with PVR and reductions in CO but

not with mPAP. Contrarily, no correlations were observed in a separate group of six patients

with chronic lung disease. This was presented as a wholly noninvasive means of diagnosis,

but it was noted that some knowledge of the underlying disease must be known a priori. The

following year, Herve et al. (70) used cineangiography to obtain closed-chest PD curves of

the right PA in nine patients with chronic obstructive pulmonary disease (COPD).

Administration of almitrine caused the PA to dilate and significantly stiffen, resulting in

decreased distensibility, a result which was attributed to increased motor tone, but has the

hallmark of collagen engagement resulting from excessive dilation.

Intravascular ultrasound was also explored as a means to routinely obtain PD curves, in

addition to other measures of proximal vascular stiffening. Borges et al. (17) used IVUS to

detect increases in proximal vessel thickness or specific intimal thickening in a group of 39

patients with PH compared to 12 controls. Bressollette et al. (19) also focused on structural

changes in the PAs—minimum diameter, wall thickness, lumen area—at both end-systole

and end-diastole. They found that IVUS-measured vessel thickness in the smaller compliant

vessels (1.7–6.5 mm) moderately correlated with mPAP but well-correlated with plasma

endothelin-1 (ET-1) levels, which supported the idea of ET-1 as an indicator of vascular

abnormality. Berger et al. (11) were the first to specifically pursue vascular mechanical

properties through IVUS with simultaneous measures of vascular pulsatility (defined as the

difference between systolic and diastolic vascular area divided by the diastolic area) and

pulse pressure; these were combined to yield distensibility, or compliance. The former

measure is similar in form to engineering strain, while the latter is simply an inverse of

stiffness. In 43 children with PVD, distensibility decreased with disease severity and was

independently correlated with mPAP-to-systemic mean pressure ratio, PVR/systemic

resistance, and hemoglobin concentration; the two ratios were intended to denote

derangement of pulmonary hemodynamics, while the latter (hemoglobin) was indicative of

blood viscosity and thus potential changes in shear stress. That all three of these correlations
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were shown to be independent of mPAP indicated that the wall mechanics could be a

valuable, independent measure of disease progression and thus disease prognosis. Finally,

Rodés-Cabau et al. (147) measured distensibility in 20 patients with IPAH; this study will be

discussed in the next subsection below.

In what may be the first completely noninvasive estimate of vascular stiffness, Dyer et al.

(41) coupled right PA diameter assessed with color M-mode tissue Doppler imaging (CMM-

TDI) with pressure estimated from color flow imaging measurement of tricuspid regurgitant

velocity. The CMM-TDI measurement compared favorably to IVUS measured diameter,

validating this component. Twenty-seven hypertensive children displayed significantly

lower dynamic compliance of the right PA compared to 10 normal children; the compliance

also showed an exponential decay with pressure, corresponding to the nonlinear behavior of

artery mechanics.

Clinical relevance

PVR has long been used as a disease diagnostic and a predictor of patient outcomes in PH

(4, 5, 6). By 2003, vascular stiffness measurement methods had been established, but

reasons for their use were less established. The study of 20 patients with IPAH by Rodés-

Cabau et al. (147) began to address the utility of such measurement in prognosis. They

obtained the same two quantities as Berger et al. (11)—pulsatility and distensibility—but

inverted the latter such that it was a stiffness measure, and established they were

independent of standard hemodynamic measures. They however took the further step of

demonstrating that reduced pulsatility was associated with high mortality at follow-up.

Independence of the stiffness measures from other hemodynamic values indicated that

vascular mechanics—specifically changes due to remodeling—were more responsible for

the functional alterations found, while decreased area pulsatility—indicative of vascular

stiffening—would indicate higher RV afterload and thus greater mortality.

Subsequently, three additional groups have shown stiffness measures to be more prognostic

than PVR. Mahapatra et al. (109, 110) measured standard hemodynamic parameters and

used them to estimate “global compliance” as stroke volume over pulse pressure (SV/PP). In

a group of 104 patients with IPAH, SV/PP was the strongest Cox univariate predictor of all-

cause mortality, with a hazard ratio of 17; this could be compared to PVR or cardiac index

with hazard ratios of 1.05 and 3.2, respectively. Receiver-operator characteristic (ROC)

curves further demonstrated that SV/PP was a better discriminator compared to these other

two measures. Purely noninvasive prognostication was shown by Gan et al. (55), who

measured vascular pulsatility (referred to as “relative area change” or RAC in the paper)

with magnetic resonance imaging (MRI) in 70 adults with PAH. Cox univariate regression

and ROC analysis again showed this stiffness proxy measure to be a superior prognostic

compared to PVR. Finally, Hunter et al. (84) measured pulmonary vascular input impedance

in 25 children with PAH. They computed the sum of the first three harmonics of impedance

modulus (i.e., Z0 + Z1 + Z2), indexed to body surface area, as a new measure of total

afterload and used it in a logistic regression model to predict three 1-year soft outcomes

categories based on change in World Health Organization (WHO) functional status; here
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too, the stiffness-based measure (in this case incorporated into the two higher harmonics of

impedance) outperformed PVR.

Models of Pulmonary Vascular Stiffness

Engineering models of mechanical systems have traditionally been used to predict or

investigate system behavior when direct measurement was impractical or impossible.

Applied to the pulmonary vasculature, models may predict blood flow and pressure, wall

distension, normal and shear stresses, and/or energy requirements. These simulated

endpoints may be useful in the diagnosis and treatment of disease, the design of vascular

implants or surgical anastomoses, or simply for hypotheses testing. Generally, simple

analytic models can provide insight into global or system-wide behavior, and their

parameters have been proposed for use as diagnostics, while more complex models attempt

to provide hemodynamic or structural details that cannot currently be measured. Below, we

review the treatment of PVS in both local and global models of the pulmonary circulation.

Simple global structure/flow models

The earliest and simplest models of the vasculature represent blood pressure and flow as

electrical voltage and current, respectively, and are usually displayed as electrical circuit

diagrams. In these models the arterial concepts of resistance, compliance (stiffness), and

inertance are analogous to the electrical components of resistance, capacitance, and

inductance, respectively. This modeling analogy is most important in how it represents the

total load imposed on the electrical driver (power source) due to the connected electrical

circuit, known as the input impedance. Input impedance is a single parameter that

quantitatively describes the entire circuit and may be used to determine the power or work

requirements to move current through a given electrical circuit composed of resistive,

inductive, and capacitive elements. This idea applied to the vasculature yields the vascular

input impedance, or the measure of a peripheral vascular bed’s total opposition to blood

flow.

Two general classes of these models exist: those which represent the entire circulation with

a few conceptual components—known as lumped parameter or “Windkessel” models—and

those that contain unique component groups for each branch or segment of the circulation,

known as distributed or “transmission line” models. Each may be employed to compute the

vascular input impedance and explore how changes in modeled vascular properties—either

global or local—affect impedance.

Lumped parameter models—Frank (51) is universally credited with the first use of a

lumped parameter model, which represents the entire pulmonary circulation using a single

set of circuit components. His work explored the shape of the pressure wave during systole

and diastole, indicated that diastolic pressure displayed an exponential decay proportional to

the resistance and compliance of the system, and provided ordinary differential equations

(similar to modern electrical circuit equations) that could be used to obtain the pressure

given a constant or sinusoidal inflow rate.
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Three general circuit configurations are primarily used today: the two-element model (51)

(Fig. 3A), which contains only elements of total peripheral resistance and total arterial

compliance; the three-element model (197) Figure 3B), which adds an additional resistor in

series to the two-element model that represents the arterial characteristic impedance; and the

four-element model (22) (Fig. 3C), which adds an inertial component in series with the

characteristic impedance resistor of the three-element model. The latter two may be seen as

incremental improvements to the two-element model, in that the addition of the

characteristic impedance allows the three-element model to better represent the high-

frequency components of vascular input impedance while the inclusion of an inertial

component in the four-element model reduces low-frequency errors in the modeling of the

impedance first minimum (198).

The components of the lumped parameter models are determined using clinically measured

data, either directly or through iterative numerical methods. In the simplest case, the total

pulmonary (peripheral) resistance (TPR) is simply equal to mPAP divided by flow whereas

the total pulmonary arterial compliance (PAC) is obtained either from assuming the pulse

decays during diastole as exp(−t/RpC) where Rp and C are TPR and PAC, respectively (51,

197), or more recently from a host of procedures that utilize PAC as a fitting parameter that

optimizes the model’s numerical prediction of either the pressure or flow wave (168). As

seen below, this second, iterative method to obtain PAC has been most widely used to obtain

clinical diagnostic information from the Windkessel model. For the three-element model,

clinically measured pressure and flow waveforms are used to compute the average of the

higher harmonics of pulmonary vascular input impedance; this average is, by various

definitions, the characteristic impedance (10, 45, 107, 114, 151, 195). The inertance

component of four-element models has been estimated from distributed models of the

systemic circulation (169), although this methodology apparently has not been applied in the

pulmonary circulation.

Lack of both wave propagation effects and the ability to model local vascular properties are

the primary criticisms of Windkessel models, which lack any reference to true vascular

geometry; in comparison, the circulation has location-dependent mechanical and geometric

properties, hemodynamic quantities propagate with finite speed, reflections occur, and the

relationship between pressure and flow varies by location. These limitations can result in

misinterpretation of measured distal waveforms in the systemic circulation (131) and are

likely sources of error in the estimation of PAC (188). Indeed, the initial development of

distributed models in the 1960s was likely precipitated by this weakness (131).

Recent work: Van den Bos et al. (188) found that altering hemodynamics by serotonin

infusion resulted in large changes in pulmonary hemodynamics but noted that these changes

were reflected primarily in the lowest harmonics of the measured impedance curves. A

Windkessel model of their data similarly predicted significant changes in modeled PAC and

less definitive changes in characteristic impedance, which suggests that the latter may be a

less sensitive measure of vasoreactivity. This work also found, based on computed

characteristic impedance, a lower reflection index in the pulmonary circulation; this was

given as an explanation for the similarity between pulmonary flow and pressure waveforms.

Slife et al. (156) measured pulmonary flow and pressure in eight humans in both resting and
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exercise conditions. They compared TPR and characteristic impedance obtained using a

three-element Windkessel model that optimally predicted flow from a measured pressure

waveform to equivalent values extracted from measured impedance curves and found them

to be similar in both conditions. However, their modeled compliance was significantly larger

(2.5 times larger at rest, 3.4 times larger with exercise) than its simple hemodynamic

equivalent, stroke volume over pulse pressure; this discrepancy was said to be expected

because of the crudeness of SV/PP as an estimate of PAC. The increase in global

compliance found could be reflective of increased pulmonary capillary recruitment that

occurs during exercise (211). A Windkessel model was used to assess the independent

effects of vascular resistance and compliance on ventricular-vascular coupling by Fourie et

al. (50). Their analysis of data from an acute embolic model of PH in Landras white pigs

suggests that increases in PAC are a significant factor in decoupling the ventricular-vascular

system and results in decreased stroke volume. Segers et al. (150) compared three common

methods for the estimation of PAC. By comparing their current results to previous PAC

estimates they found that a two-element model that optimally predicted pulse pressure alone

from measured flow provided the most consistent PAC predictions in both the pig and the

dog under normal and pulmonary embolism conditions.

One common weakness of the Windkessel studies above is lack of a definitive validation

measure for PAC. Regardless, as a derived measure of vascular compliance, PAC may have

PH diagnostic potential; this question was explored by Lankhaar et at. (100), who used a

three-element Windkessel and several parameter estimation techniques (22, 167, 168) to

obtain PAC in normotensive, IPAH, and chronic thromboembolic PH (CTEPH) patient

groups. While TPR was clearly higher in both PH groups, they also found larger

characteristic impedance in the IPAH group than in the CTEPH group, suggesting additional

proximal stiffening in this group. Both hypertensive groups displayed reduced, but not

significantly different, PAC. Finally, the product of computed TPR and PAC in all three

groups was found to display an inverse exponential relationship that suggested a pressure-

dependence of PAC. The clinical utility of PAC (and indeed, Windkessel modeling) remains

unknown, as no studies have yet indicated that PAC or characteristic impedance are useful

diagnostics or prognostics for PH or other pulmonary diseases. As will be seen below, the

simplicity of these models and their reasonable representation of both resistive and

compliant afterload have made them useful in bounding the domains of more advanced

computational models.

Distributed parameter models—A branching network of connected three- or four-

element Windkessel-like circuit assemblies, wherein each individual assembly represents a

specific vascular branch, is the physical form of a distributed parameter, or transmission line

model. The model theory in simplified form was originally developed by Oliver Heaviside

in the 19th century for the purpose of analyzing electrical power distribution. Womersley

(208, 209, 210, 211) demonstrated that simplified versions of the one-dimensional (1D) fluid

dynamics equations took the form of a simple transmission line model [useful additional

derivation in (199, 201)]. Taylor (178, 179, 180) first modeled vascular structures with the

method and thereby provided some theoretical underpinnings for the use of impedance in the

vasculature; this initial work contrasted the input impedance of a single tube to that of a

Hunter et al. Page 17

Compr Physiol. Author manuscript; available in PMC 2014 July 28.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



branching tube structure, and revealed that structural viscoelasticity tends to reduce

oscillations in the higher harmonics of the impedance modulus. Westerhof et al. (199),

building on this work and others (10, 114, 196), introduced the idea of forward and

backward traveling waves in the vasculature, the means to separate them, and the first

evidence in the systemic circulation of dogs that increased peripheral resistance coincided

with increased wave reflection from the periphery. Together, these works brought to the

forefront the concepts of vascular input impedance, characteristic impedance, and pulse-

wave reflection from bifurcations and peripheral vascular beds.

The individual components of the circuit assemblies—resistor, capacitor (compliance) and

inductor (inertance)—have properties that can typically be written as functions of the local

wall diameter and thickness, the local elastic modulus, and the global blood viscosity. These

functions allow for global or segmentally specific vessel compliance, and Womersley theory

is frequently employed to represent the resistance (20, 56, 76, 128), although other, simpler

theories exist (157). The branching geometry—which entails each segmental diameter and

length, and branch connectivity—may be specified based on direct measurement (159) or is

provided by fractals (20), fractal networks (127, 128), or random functions (179, 180). At

the terminal (i.e., unconnected) end of a branch, an approximation of the opposition to flow

leaving the end of the tube (i.e., the impedance) is required; this may be merely the

resistance imparted by capillaries for pulmonary models, but can also represent complex

impedance due to organs for systemic models (130). Once the geometry is established, the

terminal impedances of the branches are then defined, and through the use of the

transmission line equations the input impedance, terminal impedance, reflection coefficient,

and propagation coefficient for each branch is found. These components respectively

describe the opposition to flow at the inlet and exit of the branch, how much energy is

transmitted through rather than reflected back at the branch, and how the flow attenuates and

changes in phase as it is transmitted through the tree. When these quantities are summed for

the entire tree, the input impedance for the entire structure is obtained.

Given the before mentioned model parameter requirements, it is clear that is it far more

difficult to construct a distributed parameter model compared to a single Windkessel model.

Additionally, input impedance is readily computed without the model—indeed it is far easier

to obtain from pressure and flow measured at a single position. For these reasons, distributed

parameter models have primarily been used in the systemic circulation to investigate wave

transmission phenomenon such as transmission and reflection (71, 129), and to explore

relationships between impedance and the components that define it (3): vascular geometry

including vessel diameters and lengths, variable stiffness, and the connectivity of a vessel

tree. Pulse-wave reflection has interesting diagnostic consequences, in that a double-humped

velocity trace is usually seen in pulse-wave Doppler ultrasound obtained in the main PA

patients with severe PH, known as a “Flying W” pattern. This theory has been used to show

in multiple animal models that this early reflection yields additional right ventricular loading

during ejection (64, 216). Additionally, one promising recent use of these models on the

pulmonary side has been to place bounds on more advanced models of the pulmonary

circulation (159); this usage will be described briefly below.
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Material models: local vascular mechanics

In mechanics, constitutive models define the relationship between applied loads and the

resultant deformation of materials. In the study of artery mechanics, such models allow for a

quantitative examination of blood vessel material properties. Further, through the

development and use of constitutive models, engineers are able to discover how the major

structural elements of arterial tissue influence the mechanical behavior of that tissue in

response to different operating conditions, disease or physical damage. Constitutive models

rely on in vivo measurements of pressure and diameter or similar in vitro bench top

mechanical measurements for their validation. A material’s mechanical “resistance” to

deformation is given as the slope of such force-displacement curves. This “resistance” may

be quantified intrinsically (i.e., only as a function of the continuum), in which case it is the

slope of stress (normalized force)—vs—strain or stretch (normalized deformation) and is

referred to as the material’s elastic modulus or Young’s modulus, or it may be quantified

extrinsically, in which case it is the slope of an absolute force—vs—an absolute

displacement and is referred to as its stiffness. Some applications of material models include

the estimation of arterial mechanical properties in vivo, more quantitative assessment of how

these properties change in disease states, and use in more advanced computational models to

evalute how hemodynamics are affected by constitutive properties.

Given that the arterial wall is a layered structure, consisting of the intima, media, and

adventitia and that passive artery mechanics are largely governed by the physiologic

structure, quantity and intrinsic material properties (i.e., modulus) of the structural proteins

collagen and elastin and by the active and passive mechanics of SMCs, artery constitutive

modeling becomes a rather complicated engineering problem. In fact, the study of artery

mechanics is over a century old and the study of arterial tissue constitutive models has

received considerable attention in the past couple decades. Arteries display displacement-,

direction-, and time-dependent passive material properties; these complicating factors are

known respectively as strain-stiffening (due to large deformation), anisotropy, and

viscoelasticity. The wall may also be treated as compressible (e.g., capable of changing in

volume) or incompressible. Changes in artery wall geometry that occur during in vitro

processing indicate that the wall carries an internal stress even when unloaded; histology

clearly indicates the wall is heterogeneous; and SMCs may affect both wall geometry and

stiffness. We believe separate examinations of passive properties (which may depend on

time, direction, or displacement, as noted above) and active properties (which depend on the

biological state of the SMC), that represent a component-wise or deconstructionist approach,

may provide a useful means of separating active versus passive components within arterial

mechanics.

For each constitutive model intricacy, simplifications exist that are useful for both

approximate clinical assessment of vascular stiffness and for modeling vascular

displacements over small (i.e., linear) ranges. Below we examine those models that

incorporate simplifications of the above characteristics that are useful in the clinic, and more

complex models currently used primarily in basic science or engineering treatments of

arterial mechanics. Throughout, we primarily are concerned with passive properties, not

because myogenic tone may not be important, but because a majority of current engineering
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work revolves around passive mechanics. More detailed theoretical treatments of arterial

mechanics may be found in two recent reviews (57, 191).

Analytic/linear elastic models

Thin-walled and thick-walled theories are often applied to two-dimensional (2D) tube

geometries to obtain a simple relationship between stress and strain, and thereby extract

material properties. Here we will introduce these theories along with the basic concepts of

stress and strain applied to a tube system, and discuss several simple engineering elasticity

indices that have appeared in the literature (36, 59). Additional clinic-specific elasticity

(stiffness) indices are reviewed elsewhere (131).

Thin-walled theory—Strain (ε) is a normalized measure of material deformation and is

given for the circumferential direction by

(8)

where d0 and d are the initial (reference) and final diameters. For strains to be considered

linear the deformation must be small relative to the total diameter, which implies that ε <

0.1. Stretch (λ) is also used as a measure of deformation and is merely

(9)

Both these quantities are dimensionless, and strain is occasionally presented as a percentage

deformation. Clearly these equations are fairly simple, but it remains an open question as to

which “initial” diameter is most appropriate for use (36): for example, the artery in vivo is

always under some transmural load and may be additionally deformed because of SMC

activity. In contrast, in vitro studies often examine vessel groups under the effects of

vasoconstrictive and vasodilator drugs and thus technically have different “initial” diameters

and therefore different initial reference configurations for each study group. This situation

may be remedied through the use of stretch rather than strain, as it may be directly

multiplied by reference diameter ratios to obtain different reference configurations. For

example, if it was determined that a diameter d1 was a more appropriate reference compared

to d0, the new, more appropriate stretch is simply

(10)

where λ1 is the stretch referenced to d1. Regardless, these measures quantify a typical

material deformation, but consideration of reference diameter or length can become very

important when considering coupled changes in artery dimensions and mechanics due to

growth, remodeling, disease, or ex vivo tissue processing.
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Stress is a normalized measure of force acting on a body and has dimensions of force per

unit area. To obtain a simple estimate of the stress at work in a thin-walled tube, we examine

the free-body diagram of a tube of internal radius ri and thickness h shown in Figure 4. In

the figure the transmural pressure Pt = Pi − Po acts downward on the cutting plane of area 2

× ri × l, while the half-tube remains in place due to internal forces (tensions) T acting

upward. The stress (σ) that corresponds to these forces is their combined value normalized

by area of two tube sections (2 × h × l) over which they act,

(11)

or T = σ hl. Implicit in this equation is the idea that the stress is uniform across the area,

which is true only for thin tubes. If the tube is in static equilibrium (i.e., is motionless), then

(12)

so we may solve for the stress as

(13)

Equation 13 has been referred to as Laplace’s equation due to its similarity to the Young-

Laplace equation, which describes the relationship between pressure and surface curvature

at a fluid-fluid interface due to surface tension. Also similar to the Young-Laplace

relationship, an immediate takeaway from this equation is that wall stress increases not only

with increasing pressure but with increasing internal radius; this idea has been used

previously to explain the similar stresses in the left and right ventricles, despite their highly

disparate operating pressures.

To find the linear elastic modulus, or Young’s modulus, of this example thin-walled tube,

we consider changes in stress due to small strains. For an artery, whose modulus actually has

a strong dependence on strain, we would call this approximation the incremental elastic

modulus. This modulus is given as the instantaneous (tangent) or secant slope of the stress

[Eq. (13)] plotted as a function of the strain [Eq. (8)]. This simple, linear approach was used

in several early studies of local vascular mechanics (60, 136) and in modern studies either

for the sake of simplicity or because thin-walled theory is applicable (95, 217). Generally,

the theory remains useful both as an introduction to the mechanics of tubes and as a check

on more advanced models.

Thick-walled theory—As the wall thickness increases, the stress is no longer uniform in

the radial direction; this effect is neglected by the thin-walled theory. A simple explanation

for this radial dependence was provided by Gow (59) and will be repeated here. Looking

again at Figure 4, we may consider three separate forces in our equilibrium equation: (i) the

dilating or expanding force 2riPil which expands the tube; (ii) the constricting force 2roPol,
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and the force due to the stress induced in the wall 2σ hl, which is equal to 2σ (ro − ri)l. For

Pi > Po, we have the force balance

(14)

so that wall stress for a thick-walled cylinder becomes

(15)

Equation 15 is only one of several expressions for the stress in a thick-walled tube.

Similarly, expressions to obtain elastic modulus from thick-walled theory are also numerous

(9, 149, 185).

Clinical equations for stiffness—Quite recently, PD measurements were used to obtain

elastic modulus approximations using both thin- and thick-walled theories, and compared to

in vitro determined elastic modulus (82). It was shown (perhaps unsurprisingly) that elastic

moduli computed from the thick-walled theory were superior estimates of ex vivo mechanics

compared to those estimated with the thin-walled theory; these expressions are

(16)

for the thick-walled theory (TWPS, “Thick Walled Plane Strain”) and

(17)

for the thin-walled theory (PS, Pressure Strain). In these equations D is the vascular

diameter, with subscripts ID, IS, and OD referring to this measurement’s time and location:

inner diastole, inner systole, and outer diastole, respectively. Similarly P is the transmural

pressure at diastole (subscript D) and systole (subscript S). Finally, in Eq. (16) ν is the

assumed Poisson’s ratio and m is the regressed slope of the measured PD curve during

systole; in Eq. (17), h is an approximate thickness computed from measured diameter and a

thickness-to-diameter ratio assumption.

It is important to note that use of these simple approximations typically neglect a host of

factors, including material nonlinearity and finite deformation effects; however, the

measurements appear to offer a reasonable first estimate of in vivo stiffness, and have

demonstrated initial diagnostic potential (83). Thus, more advanced finite deformation

models have been developed for use in simulations, and potentially to analyze experimental

data.
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Strain energy function models of arterial tissue mechanics

Because of the breadth and depth of the field, this writing will not attempt to summarize the

work devoted to the study of artery mechanics over the past several decades. In fact, there

are several very good, and recent, review articles devoted to that particular subject (80, 81,

191). Nor is this writing a rigorous study in finite strain theory or nonlinear mechanics, both

of which have been covered in great detail by others (16, 74). Rather, in this section, we will

attempt to describe a particular type of constitutive model used to define arterial tissue as a

pseudoelastic material through the use of strain energy functions (SEFs). This type of

constitutive model is the most widely researched, directly correlates artery microstructure

with specific material properties and forms the backbone of several other model types such

as randomly elastic, poroelastic and viscoelastic arterial tissue models. It is hoped that by

gaining a better understanding of the fundamental principles used in the derivation,

application, and development of this specific model type, the reader will be better able to

understand the underlying rationale for the study of arterial constitutive models and will be

better able to read and understand other published materials related to this important field of

study.

Early attempts at modeling arterial tissue mechanics—Arteries do not meet the

definition of a purely elastic body insomuch as the relationship between stresses and strains

are not single-valued. Arteries exhibit hysteresis in that the loading and unloading curves of

these tissues do not directly correspond. Arterial tissues are anisotropic and therefore have

different material properties in the longitudinal, circumferential, and radial directions.

Finally, arteries demonstrate a highly nonlinear stress-strain response which is also a

function of the maximum applied strain and preconditioning of the tissue being tested. All of

these factors complicate significantly the formulation of a comprehensive mathematical

model of the constitutive relationship between stress and strain in arterial tissues subjected

to finite deformations. Because of these complications, SEFs are typically used to describe

the complex material property relationships associated with the finite deformation of soft

tissues.

Exponential and polynomial strain energy functions—The first attempts at

developing SEFs representing the mechanical behavior of arterial tissues were purely

phenomenological and simply represented the shape of the load-deformation curve through

the use of an appropriate mathematical function (54, 174, 187). The best known of these

early SEFs was the pseudoelastic SEF developed by Fung et al. in 1979 (54), which was an

extension of the polynomial SEF developed by Vaishnav et al. in 1972 (187). In this article,

Fung proposed pseudoelasticity as a convenient description of the stress-strain relationship

of arterial tissues in which the complication of inelasticity was avoided by describing the

cyclic loading and unloading curves as independent material curves. Following this

approach, the method of the theory of elasticity may be applied to each of the loading and

unloading regions separately. Fung then went on to define a mathematical representation of

this pseudoelastic stress-strain relationship through the use of a SEF. By definition, the SEF

(Ψ)
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(18)

relates the second Piola-Kirchhoff stress (Sij) to the Green-Lagrange strain (Eij). Therefore,

by defining the constitutive relationship in this manner for any given strain state, the

material stress can be calculated directly. Given the ubiquity of the use of Green’s strain (E)

and second Piola-Kirchhoff stress in artery mechanics SEFs it seems logical to describe

these variables in more detail. Green’s strain is used in place of the more conceptually

understandable Cauchy strain (ε):

(19)

due to the fact that Cauchy strain is not a valid measure of strain for finite large

deformations. Here, l is the deformed length, L is the original length and λ is defined as the

stretch ratio. Finite strain theory applies for any material that is deformed to a large enough

degree such that the assumptions inherent in infinitesimal strain theory fail. In practice,

however, finite deformations generally refer to changes in material dimension, in any

direction, greater than approximately 2%. For these large strains, the assumptions used to

derive ε fail and the strain cannot be thought of as a simple ratio of the change in length due

to applied load by the original length of the material.

Cauchy stress (σ ) and Piola stress (T) are conceptually simple representations of stress, each

referencing the deformed and original cross-sectional areas over which a given force is

applied respectively. In the principal directions, these stress values can be represented as:

(20)

and are shown in Figure 5. However, neither Cauchy nor Piola stress tensors constitute a

work conjugate relationship between stress and Green’s strain. Simply put, a stress-strain

work conjugate ensures that for any physically realizable strain state, that the energy

calculated from the stress-strain relation must be of a positive definite value. Fung therefore

used the second Piola-Kirchhoff stress (Sij), which is the work conjugate of the Green’s

strain, in the relation given in Eq. 18:

(21)

where ρ0 and ρ are the initial and final mass densities, respectively. Also, λ1 and λ2 are the

principal stretch ratios and E1 and E2 are the principal Green’s strains defined as:

(22)
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The theory of elasticity states that if there is a one-to-one relationship between stresses and

strains, then there exists a SEF that allows stresses to be calculated from the SEF by direct

differentiation by the strain, from which Eq. (18) is derived.

While Eq. (18) is a general definition of an arterial SEF, in practice, the artery is often

represented as a 2D body subjected to stresses and strains in the principal directions S11 S22

E11, and E22 only and the SEF can be specifically rewritten as Ψ(2) to indicate this two-

dimensionality. This simplification of the SEF to two dimensions is the result of several

assumptions, including the thin-wall assumption stating that the normal stress in the radial

direction σrr is negligible in comparison to the circumferential normal stress σθθ and that the

circumferential σθθ and longitudinal σzz stresses are approximately uniform throughout the

vessel thickness. After further algebraic manipulations and several more simplifying

assumptions, the circumferential and longitudinal stresses can be defined as (174):

(23)

(24)

(25)

(26)

Fung then used these relationships to calculate the experimental stress and strain based on

measureable properties, and used these values to determine the four independent variables,

C, a1, a2, and a4, in his proposed SEF (Ψ(2)
expo).

(27)

Once the independent variables have been determined, the SEF can then be applied to Eq.

(21), such that the stress (Sij) is univariate and fully defined for any strain state (Eij).

Fung compared the results obtained using his proposed exponential SEF to those found

using a different, polynomial-based, SEF and found that the constants of the exponential

SEF showed significantly less variability than the constants of the polynomial SEF. This

reduction in constant variability held for both multiple fittings of the same artery as well as

between arteries and therefore points to the conclusion that the exponential SEF is an

inherently more stable model of artery mechanics than is the polynomial SEF. However,

although the constant variability was different, the correlation between the theoretical and

experimental data was the same for both SEFs. Fung’s conclusion was that if the goal is to
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simply fit the data with a function, then either SEF may be used, but if the goal is to look at

variations in the values of the constants in response to age or disease, then the exponential

SEF should be used. However, since neither the polynomial nor exponential SEF constants

represent any direct physiologic or structural properties, no distinct answer can be drawn

regarding how changes in these constants relate to changes artery material properties

resulting from changes in tissue structure or physiology. To answer this question, more

advanced structural SEF models have been developed.

Two-dimensional versus three-dimensional constitutive models and the effect
of arterial ring-opening on residual strain of the zero-stress state—The SEF

models reviewed thus far are derived using a thin-walled, plane-strain, assumption and

therefore are 2D constitutive functions that do not account for any stresses or strains present

in the radial direction. This 2D representation of the SEF is generally accepted as being

accurate so long as its application is only used in solving problems consisting of tissue

bending, inflation, and axial extension and avoiding any deformations due to torsion. A

further limitation of the 2D formulation is that it does not allow for a detailed analysis of the

change in the circumferential and longitudinal stresses (Sθθ, SZZ) and strains (Eθθ, EZZ) as a

function of radial position within the tissue thickness. Modeling arterial tissues with a fully

3D SEF was attempted by Chuong and Fung in 1983 (27). The six-parameter, 3D SEF,

which they used, showed a significant variation in circumferential stress across the tissue

thickness (27). Further study indicated that this high variation in tissue stress as a function of

radial position could be largely explained by changing the zero-stress state (ZSS) of the

arteries from the unloaded configuration of an unpressurized cylindrical artery segment to

the configuration of an artery ring that was axially bisected and allowed to open into an

arterial arc segment (28). Since further sectioning of the arc segment did not result in

appreciable changes in tissue dimension, this opened segment was taken to be the new ZSS.

By incorporating the strain required to deform the open segment into the unloaded

configuration, the variation in arterial stress as a function of radial position was significantly

reduced, and use of the opened segment as the ZSS for artery modeling has now become

standard.

Structural SEF models

While Fung’s exponential and Vaishnav’s polynomial SEFs are grounded in basic

mechanics, they are purely phenomenological and therefore the model constants are not

based on any particular anatomic or physiologic parameter that could be independently

measured or verified. Further, while these functions accurately represent the material

properties of arterial tissues within certain limitations, they fail to represent the constitutive

relationship between load and deformation outside of their assumed valid parameters.

Therefore, these models are typically valid only for limited pressure ranges and are often

only capable of describing constitutive properties of the circumferential stress-strain

relationship.

Collagen as fiber reinforcement for arterial tissue SEF modeling—In 2000,

Holzapfel and Gasser made a significant advancement in arterial SEF constitutive models by

incorporating the techniques used to describe the material behavior of fiber-reinforced
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composites into a two-layer model of arterial tissues (75), Figure 6B. The basic concept was

to treat the medial and adventitial layers of elastic arteries separately and to model the

mechanically relevant non-collagenous material as an isotropic, linearly elastic SEF (ψiso)

which was primarily associated with the mechanics of elastin. Collagen mechanics were

modeled as a pair of helical fibers with equal, but opposite, pitch (α, α′). By modeling

collagen as a fiber weave, the anisotropy of the model was solely a function of the fiber

helical pitch representing collagen physiology in arterial tissues. This anisotropic SEF was

modeled separately as (ψaniso), and was summed with the isotropic portion to define the total

SEF (ψHolz).

(28)

(29)

(30)

where the material parameters c and k1 are positive with dimensions of stress and k2 is

dimensionless. The invariants (I1, I4, and I4′) are functions of the strain deformation tensor

that represent physical quantities in a manner that is independent of the coordinate system

used, a requirement that is essential in the formulation of any useful SEF. Since Holzapfel

modeled the arterial wall as two layers, there were a total of six material parameters to solve

for: cM, k1M, and k2M for the media and cA, k1A, and k2A for the adventitia. Geometric and

experimental data from a single rabbit carotid artery [experiment 71 in (54)] were used for

determining these parameters. Further, the ratio of medial to circumferential stiffness of the

isotropic SEF was set to cM = 10 cA, further reducing the number of independent material

parameters to five. This relationship between medial and adventitial stiffness was justified

based on experimental results (192, 210, 212), which showed the media to be much stiffer

than the adventitia. The medial thickness was assumed to be two-third of the arterial wall

thickness, and the medial and adventitial wall thicknesses were assumed to remain constant

regardless of axial deformation. The remaining model parameters were then found using the

standard nonlinear Levenberg-Marquardt algorithm (75).

While Holzapfel’s SEF model showed somewhat improved fit quality between experimental

and predicted data sets, the structural details incorporated within this new model were the

real advancement over previous phenomenological constitutive models. This new SEF

modeled the arterial wall as two separate layers, representing both the media and adventitia.

Each layer used its own independent material parameters to define the 3D anisotropic

behavior of arterial tissue. Noncollagenous tissue was modeled as an isotropic material, and

tissue anisotropy was included by modeling collagen as a fiber weave of oppositely oriented

helical collagen fibers. This structural approach resulted in Holzapfel’s model’s ability to at

least partly correlate changes in arterial stiffness with changes in the underlying histological

structure. While this model was a significant advancement over the phenomenological

models of the time, it does have some limitations, mainly that the predicted collagen fiber
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angle is greater than what was expected on the basis of the physiologic structure of arterial

collagen (35, 203). This elevated collagen fiber angle predicted by Holzapfel’s SEF may be

at least partly due to the fact that in this model collagen is represented using straight fibers

which have no tortuosity.

Inclusion of collagen engagement strain probability distribution in fiber-
reinforced model—Zulliger made further refinements to the arterial constitutive model by

developing a SEF very similar to that used by Holazpfel, but one which also incorporated

elastin and collagen area fractions, elastin non-linearity and collagen tortuosity (218), Figure

6C. In arterial tissues, the structure of collagen has been described as long wavy bundles

with mainly circumferential orientation (158) and appears as a coiled and wavy structure in

the unloaded state (29, 35). Zulliger incorporated this wavy collagen structure by assuming

that the point at which collagen is straightened and able to carry load is distributed across

the deformation strain range in some statistical manner. This collagen engagement strain

was then incorporated into the SEF model through a log-logistic probability distribution

function (ρfiber). Like Holzapfel, Zulliger’s SEF (ΨZull) models arterial tissues using a

noncollagenous isotropic component (Ψiso) and has anisotropy incorporated as a second SEF

based on collagen morphology (Ψaniso).

(31)

(32)

(33)

(34)

where celast is the elastic constant and felast and fcoll are the area fractions of elastin and

collagen, respectively. Ψfiber is the SEF of an individual collagen fiber, which is modeled as

a linearly elastic hookean material of modulus ccoll for strains greater than zero. Equation 33

convolves the collagen fiber SEF with the probability distribution function for collagen

engagement strain to define the collagen SEF (Ψcoll) as a function of strain. Ψaniso is then

computed using the invariants (I4 and I4′) to account for collagen helical pitch in the same

manner as used by Holzapfel (75). Defined in this way, Zulliger’s SEF has seven material

parameters. felast and fcoll were experimentally measured and ccoll was set to 200 MPa and

imposed on the model, leaving four independent material parameters to solve for

simultaneously.

The SEF proposed by Zulliger advanced the idea of modeling arterial tissue as an isotropic

ground matrix with anisotropic collagen fiber-reinforcement by including a collagen

engagement probability distribution function. This distribution function more accurately

represents the physiologic structure of arterial collagen and therefore results in a more
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structure-based constitutive model. By including measureable structural elements, this SEF

has greater potential for being predictive of how changes in artery structure, resulting from

age or disease, will affect vessel wall properties. However, as of this writing, the predictive

capabilities of this model have not been tested.

In 2006, the research group who developed Holzapfel’s fiber-reinforced artery SEF, revised

their original model to incorporate an additional scalar structural parameter that

characterized how collagen orientation was dispersed within the vessel wall (57). Evidence

suggests that while medial collagen is oriented nearly circumferentially adventitial collagen

orientation is much more dispersed. By incorporating collagen dispersion, Holzapfel’s

model was better able to represent arterial structure and without the large computational

overhead of solving the convolution integral in Zulliger’s model, this new SEF is more

easily adapted for use in finite element modeling of arterial tissues. However, like the

Zulliger model, the predictive capabilities of this model and a detailed study of the

physiologic validity of the structural material parameters have yet to be independently tested

and verified.

Although the newest generation of pseudoelastic SEF arterial models incorporate a

substantial degree of structural information, there is a lack of detailed microstructural

information available for model development and validation. In particular, there is a need for

more quantitative information on the distribution of collagen fiber orientation and tortuosity

throughout the thickness of the vessel wall. Further more, detailed studies are needed to

determine how applied loads and concomitant tissue deformation affects collagen fiber

structure in vivo. Finally, it is important to validate that the changes in collagen, elastin, and

SMC geometry and structure resulting from PH vascular remodeling correspond with

changes in the model parameters that are supposed to reflect these structural properties.

Only then will these models be truly predictive of the disease state and will offer valuable

insight into how anatomical structure and physiological changes in arterial components

directly influence bulk artery material properties and vascular compliance.

Computational mechanics modeling approaches

The detailed modeling of blood flow alone or coupled to arterial motion has been

accomplished through the use of computational mechanics, primarily the finite element

method (FEM). Such methods first require the discretization of fluid and/or solid systems of

arbitrary and complex geometries into discrete parcels of material; this abstraction then

allows for the computational solution of the equations governing the behavior of these

systems. The application of computational mechanics to vascular dynamics is a relatively

new—no mention of it appears in previous AJP Handbook of Physiology articles covering

the vasculature. Below we briefly and broadly review computational approaches; more

detail can be found elsewhere (163, 175, 176, 177).

The number of dimensions simulated by FEM can vary the detail of the solution. The

simplest, one dimensional (1D) simulations track flow only along the longitudinal

dimension of a vascular tree. They offer rapid runtime, require little data to create a mesh

(model domain) or create input/outlet conditions, provide better accuracy compared to a

transmission line model, and can consider wave propagation effects (47,48, 78, 127, 154,
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193). It has been proposed that their accuracy may be sufficient for surgical planning (161),

in that gross estimates of pressure and flow distributions can provide insight into outcomes.

1D simulations are too simple, however, to examine local hemodynamic variations; wall

shear stress, for example, cannot be predicted. In comparison, three dimensional (3D) fluid

models can provide far more flow and pressure detail than is available from any clinical

measurement modality. They frequently utilize patient-specific meshes that are

reconstructed from image data (177), use MRI-based 3D inlet or exit boundary conditions,

have longer runtimes, and offer unparalleled hemodynamic detail. A preponderance of

recent 3D modeling work on the pulmonary circuit has focused on optimizing vascular flow

geometries associated with the Fontan surgical procedure (92, 200) or understanding the

impact of respiration and exercise (111, 172) or ventricular assist devices (98, 135) on this

vascular circuit. An ongoing problem with either type of simulation is a dearth of

comparisons between simulations and real clinical measurements; without such validation,

simulation results cannot be used with confidence in diagnosis or prognosis.

Both 1D and 3D simulations can also incorporate fluid-structure interaction (FSI), in which

the vascular wall is additionally modeled and allowed to deform. Given the links between

vascular stiffening and disease progression, such modeling capability seems vital for these

advanced methods to be clinically relevant. Interestingly, even if wall motion does not

strongly affect hemodynamics, it is becoming more appreciated that pathological response

may be dependent on wall mechanics (e.g., vessel stress or strain). The finite deformation

mechanics models described above provide support for FSI efforts; however, until patient-

specific, or better, disease-specific material properties can be obtained for use in

simulations, their results may not be worth the extra effort (163).

Computational models can currently only represent specific segments of the vasculature—

thus the upstream and downstream sides of vascular models require special treatment. Such

treatments are known as boundary conditions; early efforts (and indeed, some current work)

utilized simple sinusoidal or clinically obtained waveforms for inlet flow, and constant

pressure conditions at outlets. Clinically obtained inlet waveforms only represent a

particular heart condition and thus are not useful in predictive modeling, while the outlet

condition—constant pressure—is clearly quite different from true of distal vascular

conditions as represented by impedance. Improvements to these approaches come in the

form of coupling simple models—such as lumped models—to the more advanced primary

computational model. Mathematical methods to couple such models of the heart and

vasculature to more advanced models are not especially new (47, 138, 189, 190) but appear

underused in the literature, likely due to their limited availability in commercial codes.

Recently, several groups have applied these methods; on the pulmonary side, Spilker et al.

(159) coupled a 1D proximal pulmonary vessel model to multiple distributed (i.e.,

transmission line) models of the distal lung circulation. Through iterating on the distal vessel

diameters in the distal models, the proximal model results were brought into good

correspondence with measurements of pressure and flow to the right and left lungs. The

same computational techniques also allow for combining heart (152) and vascular models,

thus simulating ventricular-vascular coupling, although this has currently only been

performed in models of the systemic circulation (49, 94).
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Concluding Thoughts

This article is meant to provide some perspectives on PVS, with particular focus on the

emerging importance of stiffness as a disease diagnostic and methods to evaluate stiffness

via clinical, experimental, and computational studies. Nearly 50 years ago, McDonald,

Milnor, Patel, and others determined that proximal vascular stiffening was innate to the PH

disease process, but this knowledge was not further explored because of difficulties in

measurement and lack of any clear benefits that such measurements would provide. Earlier

studies of the systemic circulation established connections between stiffening and outcomes,

between flow pulsatility and cellular signaling derangement, and even between stiffening

and inflammation (115); the first two of these have now also been demonstrated on the

pulmonary side. New noninvasive and minimally invasive measurement modalities are

emerging that will make routine stiffness measurement possible in the pulmonary

circulation; increased appreciation of the importance of stiffening should encourage their

use. Together with PVR, the traditional measure of PH severity, stiffness measurement will

improve basic science and clinical studies of the disease, with better outcomes the result.
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Figure 1.
Typical pressure-diameter curve for elastic tissues.
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Figure 2.
Typical conduit artery pressure-diameter (PD) response in acute and chronic models of

hypertension. Left figure (149), diameter on abscissa: phenylephrine injection (active PH,

APH), left PA occlusion (passive PH, PPH), or both (APPH) in an acute sheep model. Note

that injection of a vasoconstrictor (phenylephrine) yields “active PH” along with reduced

conduit artery diameter, while “passive PH” does not display conduit artery

vasoconstriction. All the curves display roughly the same slope, suggesting that SMCs

change the operating diameter but do not strongly affect the stiffness and that no strain-

induced stiffening has occurred. Right figure (217), pressure on abscissa: (A) minimum

diastolic pressure; (B) peak systolic pressure; (C) beginning of diastole; (D) later part of

diastole, in a chronic hypobaric hypoxia calf model. In the calf, pressures are substantially

higher which cause the diameter-pressure response to have a J-shape typically associated

with collagen engagement. There also appears to be little to no acute SMC contribution to

the mechanics of the proximal vasculature in the calf; such contributions would cause the

PD curve to move downward and rightward from the low pressure condition without a

significant change in slope. [Figures used with permission]
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Figure 3.
Idealized representations of the pulmonary circuit and their corresponding Windkessel

models. C = (pulmonary artery) compliance, PAC; R = (total pulmonary) resistance, TPR;

Zc = characteristic impedance; L = inertance. [From (198); used with permission]
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Figure 4.
Tube geometry for the derivation of simple mechanics equations. Pi, Po = pressures acting

on inner and outer walls; T, tension within the artery; ri, ro = inner, outer arterial radii; h =

wall thickness, I = tube length.

Hunter et al. Page 46

Compr Physiol. Author manuscript; available in PMC 2014 July 28.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



Figure 5.
Deformation of a rectangular plate. (A) Un-deformed rectangular plate. (B) Deformed

rectangular plate. Loads (F) are applied along the edges of the plate in the principle

directions [circumferential (1) and longitudinal (2)].
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Figure 6.
Schematic diagram of artery wall in the zero-stress state used in the formulation of several

arterial models. Arterial wall as modeled by (A) Fung (54), (B) Holzapfel (75), (C) Zulliger

(218). Figures used with permission.
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